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 FOREWORD     

  It is nearly 40 years since the fi rst batch of bioactive glass (45S5 Bioglass) implants 
were made and implanted in the femurs of rats. Six weeks later, scientists discov-
ered that the glass implants bonded to bone — a strong, living interfacial bond. 
This fi nding, along with discoveries of tissue compatibility of new polymers, 
demonstrated that novel materials could be designed and processed to achieve 
special types of bioactive behavior with tissues. Millions of patients worldwide 
have benefi ted from this revolution in thinking; that is, the design of materials to 
function  with  the body instead of being isolated  from  the body. However, the 
rapid increase in the worldwide population of ageing people requires an ever -
 increasing lifetime of prostheses. Innovations in the design, processing, and appli-
cations of all classes of biomaterials are needed to meet this challenge of longer 
implant survivability. 

 The goal of this book,  “ Advanced Biomaterials: Fundamentals, Processing 
and Applications, ”  is to provide the reader with a good overview of novel bioma-
terials research and development in 2007 – 2008. The editors and authors have suc-
ceeded in meeting this goal. Much has changed during the 40 years since the fi rst 
bioactive glass implants used in rat femurs, as shown by many chapters in this 
book. Two important themes of inquiry emerge in this book: 1) nanotechnology 
and 2) gradient structures. Both of these innovative directions of research offer 
great promise for future improvements of survivability. In several chapters, the 
scale of structure being investigated has been decreased to the nano - scale, in 
keeping with the scale of natural occurring nano - composites. Biomimetic princi-
ples of self - organization of three dimensional structures at the nano - scale are 
described and the principles involved are reviewed. 

 Nearly all tissues exhibit gradient interfaces that are critical for transferring 
stress across cell boundaries. Replicating such gradients in both the structure and 
the properties of man - made biomaterials is diffi cult but, as shown herein, prog-
ress is being made. Also, a goal throughout the last 40 years has been to achieve 
improved blood – biomaterials interactions. Advances in this area are also 
reviewed. A broad cross section of biomaterials studies throughout the world is 
represented in this book and I thereby recommend it to readers, both those at 
beginning and those at advanced levels of interest and competence in the fi eld. 

   Larry L. Hench 
 March 4, 2008 
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 PREFACE     

  Biomaterials as well as their applications as artifi cial organs are widely recog-
nized as an emerging area for material scientists, biotechnologists, chemists, engi-
neers and medical professionals. Recent developments in the areas of material 
science and biological science have enabled impressive progress in the attempts 
to develop new biomaterials. The development of new biocompatible materials 
(bulk or coating) and/or refi nement of existing material composition/processing 
techniques are expected to broaden the diversity of applications of biomaterials 
in the coming years. The progress in biomaterials research clearly requires an 
improved understanding in multiple disciplines, as well as the development of 
new design methodologies in order to obtain better properties in terms of physi-
cal and biological performance. In the above context, an International Confer-
ence on Design of Biomaterials (BIND - 06, url:  http://home.iitk.ac.in/ ∼ bikram/
bind06.htm ) was organised at Indian Institute of Technology Kanpur, India during 
8 – 11 December, 2006. The advances in areas such as Tissue Engineering, cell -
 biomaterial interaction, Bioceramics, Polymeric Biomaterials, orthopedic bioma-
terials, cardiovascular biomaterials, Nanobiomaterials, ophthalmic biomaterials, 
dental biomaterials and biomaterial applications were largely discussed in the 
symposium. BIND - 06 was jointly organized by Society for Biomaterials and 
Artifi cial Organs - India (SBAOI, url:  www.sbaoi.org ) and Indian Institute of 
Technology Kanpur (IIT - K, url:  http://www.iitk.ac.in/ ). SBAOI is a member of the 
International Union of Societies for Biomaterial Sciences and Engineering 
(IUSBSE). 

 This edited volume on  “ Advanced Biomaterials: Fundamentals, Processing 
and Applications ”  is the outcome of the International Conference on Design of 
Biomaterials. The book primarily consists of three broad sections, namely: Funda-
mentals; Processing; and Applications of Biomaterials. Each of these sections 
contains a number of chapters that discuss specifi c topics pertaining to state - of -
 the - art aspects within the respective area. The current book has contributions by 
some of the renowned scientists, engineers and clinicians, which is a hallmark of 
interdisciplinary areas, such as biomaterials science. 

 In fi rst section on  fundamentals , the basic aspect of structure, processing and 
properties as well as approaches to develop or design new biomaterials is pre-
sented. For example, the chapter by Bikramjit Basu and co - workers broadly dis-
cusses the various methods to optimize the processing conditions/material 
composition to design biomaterials based on metals, ceramics and polymers. Con-
sidering the fact that inorganic component of the natural cortical bone is calcium 

xi
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phosphate (CaP - ) compound, rich with hydroxyapatite (HA) phase, the chapter 
contributed by Racquel Z. Legeros and co - workers described the fundamental 
crystal structure and properties of HA, calcium - defi cient apatite (CDA) and 
other biologically relevant apatites. The chapter contributed by Lakshmi S. Nair 
and co - workers report their recent work on developing various  in situ  gelling 
stimuli sensitive (light, temperature and pH) polymeric systems as drug and cell 
delivery vehicles. The feasibility of developing injectable composites by combin-
ing the thermogelling solution with hydroxyapatite has also been discussed. In the 
context of interfacial tissue engineering, the chapter by Helen H. Lu and co -
 authors discusses the functional integration of soft tissue grafts as well as model 
scaffold systems, based on biodegradable polymers and calcium phosphate com-
posites for tendon - to - bone integration. The potential mechanism for  ex vivo  
development and  in vivo  translation of integrated musculoskeletal tissues with 
biomimetic complexity and functionality has also been presented in this chapter. 
In the chapter by C. P. Sharma and co - author, a novel biomimetic approach is 
presented to develop thin solid fi lms by self - assembling amphiphiles for the 
purpose of surface modifi cation of biomaterials and related devices. The chapter 
contributed by Thomas J. Webster and co - workers demonstrates how the cross -
 fertilisation of ideas from nanotechnology and bone - tissue engineering can be 
drawn to develop metals, ceramics or polymer based nanophase materials for 
orthopedic applications. In the chapter by Artemis Stamboulis and co - author, the 
results of a number of state - of - art characterization tools, including Magic Angle 
Spinning Nuclear Magnetic Resonance (MAS - NMR), are presented to provide 
evidences for amorphous phase separation (APS) during crystallisation of 
Apatite stoichiometric ionomer glasses (SiO 2  - Al 2 O 3  - P 2 O 5  - CaO - CaF 2 ). 

 Under the  processing section , some emerging manufacturing techniques, like 
Laser Engineered Net Shaping (LENS ™ ), as well as processes involved in design-
ing of bioactive scaffolds, polymeric drug delivery system have been covered. The 
chapter written by R. Banerjee and co - workers demonstrates how novel near - net 
shape processing technologies, such as LENS can be utilized to rapidly manufac-
ture custom - designed functionally - graded implants with site - specifi c properties. 
The chapter by Omer Van Der Biest and his co - workers largely focuses on the 
design principles of Electrophoretic deposition as a novel processing route to 
develop functionally gradient materials (FGM) based on biocompatible ceramics. 
The chapter by Yoshiki Oshida presents how one can achieve better osseointegra-
tion property in Titanium - based new dental implants by introducing functional-
ity. In the chapter by Fatima Pliena and Ashok Kumar in the area of the soft 
biomaterials, a novel approach of designing supermacroporous cryogels has 
been discussed. 

 Under the section on  applications , various aspects of tissue engineering, syn-
thetic heart valve, and blood substitutes have been discussed. The contribution by 
Seeram Ramakrishna and co - workers presented the results of the biomimetic 
mineralization of nanofi brous composites, especially those made of collagen and 
nano - hydroxyapatite. It has been concluded that an effective bone regeneration 
approach using tissue - engineered constructs loaded with growth factors, that 
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create a favorable environment  in vivo , can revolutionize the clinical manage-
ment of bone - related diseases and orthopedic applications. The chapter contrib-
uted by Surya K. Mallapragada and co - workers demonstrates how micropatterned 
biodegradable polymer fi lms furnish a combination of physical, chemical and 
biological cues in order to facilitate peripheral nerve regeneration. In the chapter 
written by Pio Gonz á lez and co - workers, the development of a new generation of 
bimorphic silicon carbide ceramics, fabricated from bio - derived cellulose tem-
plates, to mimic structure/properties of natural bone is presented. The chapter 
written by G. S. Bhuvaneshwar and co - worker presents the development of DLC 
and TiN coating materials with an emphasis on better coating properties with 
respect to hemocopatibility and inherent mechanical stability for a wide range of 
cardiovascular applications. Based on clinical trials, it has been concluded that 
DLC - coated UHMWPE could be an excellent material for use as a bearing in all 
rotating cardiovascular appliances, such as centrifugal blood pumps, cell separa-
tors and implantable cardiovascular pumps. The chapter by Guy Daculsi and co -
 worker describes various concepts to develop micro -  and macro - porous biphasic 
calcium phosphate (BCP) bioceramics (an optimum balance between the more 
stable HA phase and more soluble TCP) for better osteogenic and osteoinductive 
properties for tissue engineering of hybrid bone. The chapter by Niranjan Bhat-
tacharya demonstrates that freshly - collected and properly - screened placental 
umbilical cord blood, following the birth of a healthy baby, can be an ideal and 
true blood substitute, in contrast to the current generation of artifi cial blood 
(poor RBC substitutes). 

 The above described layout of the book as well as the succession of the chap-
ters is primarily meant for easy understanding for both students and experts pur-
suing the area of biomaterials science. In particular, this edited volume has the 
following major important features: 

  a) Integration of fundamentals - processing - application, enabling the possibil-
ity of using this book as a text book for teaching, academic, and research 
purposes,  

  b) Coverage of broader range of topics, while providing contemporary and 
exciting areas, such as nanobiomaterials, interface tissue engineering, 
emerging manufacturing techniques and new polymeric materials, and  

  c) A basic book for a large number of active researchers from various disci-
plines of biological sciences, metallurgy and materials science, ceramics, 
polymers, biotechnology as well as engineers, manufacturers, dentists and 
surgeons.    

 Although this book is meant for readers who have been introduced to the 
broad area of biomaterials, the introductory chapters to each section have been 
designed to facilitate readers who do not have a background in the area of bioma-
terials science. While conceiving the content of this book, the editors desired to 
motivate young researchers as well as to provide experts with a healthy balance 
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of topics for teaching and academic purposes. It is expected that this book, if used 
as a text, would benefi t senior undergraduate and postgraduate students. 

 It is important to reiterate here that this book is an outcome of the Interna-
tional conference on design of biomaterials and therefore the editors (organisers 
of BIND - 06) would like to take this opportunity to acknowledge the fi nancial 
support received from both government and private agencies, including Air Force 
Offi ce of Scientifi c Research (AFOSR), Asian offi ce of Aerospace Research and 
Development (AOARD), Council of Scientifi c and Industrial Research (CSIR), 
Department of Biotechnology (DBT), Defence Research and Development 
Organization (DRDO), Department of Science  &  Technology (DST), Indian 
Council of Medical Research (ICMR), Indo - US Science and Technology Forum 
(IUSSTF) for organising this conference. We would also like to thank IIT Kanpur 
administration as well as the local, national and international organising commit-
tee members of BIND - 06 conference, in particular Dr. M. Singh, NASA Glenn 
Research Center Cleveland, USA. We express our gratitude to all the contribu-
tors of various book chapters and give special thanks to Prof. Larry Hecnh for 
writing the foreword of this book. In closing, the Editors would like to thank their 
respective families for their constant support and encouragement. 

    Bikramjit Basu  

  Dhirendra S. Katti  

  Ashok Kumar  

 Kanpur, India 

 August 2009 

        

To view supplemental material for this book, including color versions of fi gures, 
please visit ftp://ftp.wiley.com/public/sci_tech_med/advanced_biomaterials.



 CONTRIBUTORS     

   Guy Ann é   
 Department of Metallurgy and Materials Engineering, Katholieke Univer-
siteit Leuven, Kasteelpark ARENBERG nr 44, B - 3001 HEVERLEE - 
LEUVEN, Belgium 

  Carlos Atico Ariza  
 Chemical and Biological Engineering, Iowa State University, Ames, Iowa, 
USA 

  Neha Arya  
 Department of Biological Sciences and Bioengineering, Indian Institute of 
Technology Kanpur, Kanpur - 208016, UP, India 

  Ganesh Balasundaram  
 Divisions of Engineering and Orthopedics, Brown University, Providence, 
Rhode Island, USA 

  Rajarshi Banerjee  
 Department of Materials Science and Engineering, University of North 
Texas, Denton, Texas, USA 

  Bikramjit Basu  
 Department of Materials and Metallurgical Engineering, Indian Institute of 
Technology Kanpur, Kanpur - 208016, UP, India 

  Niranjan Bhattacharya  
 Advisor, Biomedical Research and Consultant, Advanced Medical Research 
Institute (AMRI) Hospitals, Gol Park, B.P. Poddar Hospitals, Alipore, 
Apollo Gleneagle Hospital, and Vidyasagore Hospital, Calcutta, India  

  G. S. Bhuvaneshwar  
 Division of Artifi cial Organs, Biomedical Technology Wing, Sree Chitra 
Tirunal Institute for Medical Sciences  &  Technology, Thiruvananthapuram, 
India 

xv



xvi CONTRIBUTORS

  Meghali Bora  
 Department of Biological Sciences and Bioengineering, Indian Institute of 
Technology Kanpur, Kanpur - 208016, UP, India 

  Casey Chan  
 Division of Bioengineering, Faculty of Engineering, National University of 
Singapore, Singapore, and Department of Orthopedic Surgery, Yong Loo 
Lin School of Medicine, National University of Singapore, Singapore 

  Guy Daculsi  
 INSERM, Universit é  de Nantes, UMR U791, Facult é  de Chirurgie Dentaire, 
Place Alexis Ricordeau, 44042 Nantes Cedex 01, France, and CHU de 
Bordeaux/INSERM, CIC - Innovations Technologiques Biomat é riaux, 
Bortdeaux, France 

  Juli á n Mart í nez - Fern á ndez   
 Departamento de F í sica de la Materia Condensada - ICMSE, University of 
Seville, Av. Reina Mercedes, Seville, Spain 

  Igor Yu. Galaev  
 Department of Biotechnology, Center for Chemistry and Chemical Engi-
neering, Lund University, SE – 22100 Lund, Sweden 

  P í o Gonz á lez   
 Departamento de F í sica Aplicada, ETSII, University of Vigo, Campus 
Lagoas - Marcosende, 36310 Vigo, Spain 

  Kunio Ishikawa  
 Faculty of Dental Sciences, Kyushu University, Fukuoka, Japan 

  Atsuo Ito  
 National Institute of Advanced Industrial Science and Technology, Tsukuba, 
Japan 

  Era Jain  
 Department of Biological Sciences and Bioengineering, Indian Institute of 
Technology Kanpur, Kanpur - 208016, UP, India 

  Franck Jegoux  
 INSERM, Universit é  de Nantes, UMR U791, Facult é  de Chirurgie Dentaire, 
Place Alexis Ricordeau, 44042 Nantes Cedex 01, France, and CHU Pon-
tchaillou Service ORL et chirurgie maxillofaciale, Rennes, France 

  K. Kaladhar  
 Biosurface Technology Division, Biomedical Technology Wing, Sree Chithra 
Tirunal Institute for Medical Science and Technology, Thiruvananthapuram, 
Kerala, India 



CONTRIBUTORS xvii

  Dhirendra S. Katti  
 Department of Biological Sciences and Bioengineering, Indian Institute of 
Technology Kanpur, Kanpur - 208016, UP, India 

  Ashok Kumar  
 Department of Biological Sciences and Bioengineering, Indian Institute of 
Technology Kanpur, Kanpur - 208016, UP, India 

  Cato T. Laurencin  
 Department of Orthopedic Surgery, and Department of Chemical, Materials 
and Biomolecular Engineering, University of Connecticut, Connecticut, 
USA 

  Pierre Layrolle  
 INSERM, Universit é  de Nantes, UMR U791, Facult é  de Chirurgie Dentaire, 
Place Alexis Ricordeau, 44042 Nantes Cedex 01, France 

  John P. LeGeros  
 Calcium Phosphate Research Laboratory, Department of Biomaterials  &  
Biomimetics, New York University College of Dentistry, New York, New 
York, USA 

  Racquel Zapanta LeGeros  
 Calcium Phosphate Research Laboratory, Department of Biomaterials  &  
Biomimetics, New York University College of Dentistry, New York, New 
York, USA 

  Susan Liao  
 Division of Bioengineering, Faculty of Engineering, National University of 
Singapore, Singapore, and Department of Orthopedic Surgery, Yong Loo 
Lin School of Medicine, National University of Singapore, Singapore 

  Antonio R. de Arellano - L ó pez   
 Departamento de F í sica de la Materia Condensada - ICMSE, University of 
Seville, Av. Reina Mercedes, Seville, Spain 

  Helen H. Lu  
 Department of Biomedical Engineering, Columbia University, New York, 
New York, USA 

  Rakesh Mahida  
 Department of Biological Sciences and Bioengineering, Indian Institute of 
Technology Kanpur, Kanpur - 208016, UP, India 



xviii CONTRIBUTORS

  Surya K. Mallapragada  
 Iowa State University, Chemical and Biological Engineering, Ames, Iowa, 
USA 

  Bo Mattiasson  
 Department of Biotechnology, Center for Chemistry and Chemical Engi-
neering, Lund University, SE – 22100 Lund, Sweden 

  Kristen L. Moffat  
 Biomaterials and Interface Tissue Engineering Laboratory, Department of 
Biomedical Engineering, Columbia University, New York, New York, USA 

  C. V. Muraleedharan  
 Division of Artifi cial Organs, Biomedical Technology Wing, Sree Chitra 
Tirunal Institute for Medical Sciences  &  Technology, Thiruvananthapuram, 
India 

  Soumya Nag  
 Department of Materials Science and Engineering, Ohio State University, 
Columbus, Ohio, USA 

  Lakshmi S. Nair  
 Department of Orthopedic Surgery, and Department of Chemical, Materials 
and Biomolecular Engineering, University of Connecticut, Connecticut, 
USA 

  Shekhar Nath  
 Department of Materials and Metallurgical Engineering, Indian Institute of 
Technology Kanpur, Kanpur - 208016, UP, India 

  Michelle Ngiam  
 National University of Singapore (NUS), Graduate Program in Bioengineer-
ing, NUS Graduate School (NGS) for Integrative Sciences and Engineering, 
Center for Life Sciences (CeLS), Singapore 

  Yoshiki Oshida  
 Indiana University School of Dentistry, Professor Emeritus, Syracuse Uni-
versity College of Engineering, Research Professor, L. C. Smith College of 
Engineering, Department of Mechanical and Aerospace Engineering, 
Syracuse University, Syracuse, New York, USA 

  Shaunak Pandya  
 Department of Biological Sciences and Bioengineering, Indian Institute of 
Technology Kanpur, Kanpur - 208016, UP, India 



CONTRIBUTORS xix

  Fatima M. Plieva  
 Protista Biotechnology AB, SE - 22370 Lund, Sweden and Department of 
Biotechnology, Center for Chemistry and Chemical Engineering, Lund 
University, SE – 22100 Lund, Sweden 

  Stijn Put  
 Department of Metallurgy and Materials Engineering, Katholieke Universit-
eit Leuven, Kasteelpark ARENBERG nr 44, B - 3001 HEVERLEE - 
LEUVEN, Belgium 

  S. Ramakrishna  
 Division of Bioengineering, Faculty of Engineering, National University 
of Singapore, Singapore, and Department of Mechanical Engineering, 
Faculty of Engineering, National University of Singapore, Singapore, and 
National University of Singapore Nanoscience  &  Nanotechnology Initiative, 
Singapore 

  Toshiro Sakae  
 Nihon University School of Dentistry, Matsudo, Japan 

  Chandra P. Sharma  
 Biosurface Technology Division, Biomedical Technology Wing, Sree Chithra 
Tirunal Institute for Medical Science and Technology, Thiruvananthapuram, 
Kerala, India 

  Poonam Sharma  
 Department of Biological Sciences and Bioengineering, Indian Institute of 
Technology Kanpur, Kanpur - 208016, UP, India 

  Mrityunjay Singh  
 Ohio Aerospace Institute, Ceramics Branch, NASA Glenn Research Center, 
Cleveland, Ohio, USA 

  Sirinrath Sirivisoot  
 Divisions of Engineering and Orthopedics, Brown University, Providence, 
Rhode Island, USA 

  Jeffrey P. Spalazzi  
 Biomaterials and Interface Tissue Engineering Laboratory, Department of 
Biomedical Engineering, Columbia University, New York, New York, USA 

  Akshay Srivastava  
 Department of Biological Sciences and Bioengineering, Indian Institute of 
Technology Kanpur, Kanpur - 208016, UP, India 



xx CONTRIBUTORS

  Artemis Stamboulis  
 University of Birmingham, Metallurgy and Materials, Edgbaston, 
Birmingham, UK 

  Mayank Tandon  
 Department of Biomedical Engineering, University of Virginia, Virginia, 
USA 

  Elif Bahar Tuna  
 Istanbul University Faculty of Dentistry, Department of Pediatric Dentistry, 
Capa Istanbul, Turkey 

  Omer Van der Biest  
 Department of Metallurgy and Materials Engineering, Katholieke Universit-
eit Leuven, Kasteelpark ARENBERG nr 44, B - 3001 HEVERLEE - 
LEUVEN, Belgium 

  Kim Vanmeensel  
 Department of Metallurgy and Materials Engineering, Katholieke Univer-
siteit Leuven, Kasteelpark ARENBERG nr 44, B - 3001 HEVERLEE - 
LEUVEN, Belgium 

  Jef Vleugels  
 Department of Metallurgy and Materials Engineering, Katholieke Univer-
siteit Leuven, Kasteelpark ARENBERG nr 44, B - 3001 HEVERLEE - 
LEUVEN, Belgium 

  Fei Wang  
 University of Birmingham, Metallurgy and Materials, Edgbaston, 
Birmingham, UK 

  Thomas J. Webster  
 Divisions of Engineering and Orthopedics, Brown University, Providence, 
Rhode Island, USA 

  Lijie Zhang  
 Divisions of Engineering and Orthopedics, Brown University, Providence, 
Rhode Island, USA 
      



 ABOUT THE EDITORS     

     Bikramjit Basu, Ph.D.  
 Bikramjit Basu received his Ph.D. in Metallurgy and 
Materials Engineering from Katholieke Universiteit 
Leuven, Belgium in 2001. After a brief stint of post - doc-
toral research at UC, Santa Barbara, he joined Indian Insti-
tute of Technology Kanpur, India, where he is currently 
Associate Professor at Department of Materials and Metal-
lurgical Engineering. He held visiting positions at Univer-

sity of Warwick, Seoul National University and UPC, Barcelona. At present, his 
primary research activities are in designing biomaterials for hard tissue replace-
ment with a primary focus on establishing processing - structure - property relation-
ship. He has authored or co - authored more than 100 research papers in 
peer - reviewed international journals. In recognition of his outstanding contribu-
tion in Ceramic Science, he received several noteworthy National awards, includ-
ing those from Indian National Academy of Engineering and Indian National 
Science Academy. Recently, he has been selected to receive the prestigious Coble 
Award for Young Scholars of the American Ceramic Society. He is currently an 
editorial board member of  Journal of Korean Ceramic Society, Journal of Materi-
als Engineering Innovation  and  Materials Science and Engineering C . 

    Dhirendra S. Katti, Ph.D.  
 Dhirendra S. Katti received his Ph.D. in Chemistry from 
Bombay University in 1999. He was then a post - doctoral 
fellow and Research Assistant Professor at Drexel Univer-
sity, Philadelphia. He then moved on to be Assistant Profes-
sor (Tenure Track) at the Department of Orthopaedic 
Surgery and the Department of Biomedical Engineering at 
The University of Virginia. Currently, he is Associate Pro-
fessor at the Department of Biological Sciences and Bioengi-
neering at Indian Institute of Technology Kanpur, India. His 
current research interests are in the area of Biomaterials, 

Controlled Drug Delivery Systems, Tissue Engineering and Nanobiotechnology. 
He is an editorial board member of  Journal of Biomedical Nanotechnology . 

xxi



xxii ABOUT THE EDITORS

    Ashok Kumar, Ph.D.  
 Ashok Kumar received his Ph.D. in Biotechnology in 
1994 jointly from Institute of Genomics and Integra-
tive Biology, Delhi, and Indian Institute of Technology, 
Roorkee, India. He spent his post - doctoral time at 
Nagoya University, Japan and Lund University, Sweden. 
He continued as faculty at Lund University, Sweden and 
also worked in a biotechnology company in Sweden. He 
is currently Associate Professor at the department of 

Biological Sciences and Bioengineering, Indian Institute of Technology, Kanpur. 
His current research interests are in the area of biomaterials, tissue engineering, 
bioprocess engineering and environmental biotechnology. He has published 
about 100 peer - reviewed research papers in international journals, has written six 
book chapters, and has several patents. He is the editor of a book on cell separa-
tions and is presently working on editing two more books in the area of biomate-
rials. He is the associate editor of  Nanoscale Research Letters  and is on the 
editorial board of three other biological journals.       



(a) (b)

Figure 2.14. Histological micrographs showing carbonate apatite granule (A) and sintered 

hydroxyapatite (HAP) granule (B) 12 weeks after implantation in rat calvaria (toluidine blue 

staining). Bar = 100 μm. C: carbonate apatite; H: sintered HAP; nb: new bone; pb: parietal 

bone. The sizes of the carbonate apatite and HAP granules before implantation were similar.

(A) (B)

Figure 6.1. Histological analysis of chondrocytes photoencapsulated in PEG hydrogels with 

15% macromer after 8 weeks in vitro. A. Stained with Safranin-O which stains proteoglycans 

red and B. Stained with Masson trichrome which stains collagen blue (×200).
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passed by a territorial 

cartilagenous matrix. 
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(A) (B)

Figure 6.5. A. Demonstrates the injectability of the hdyrogel using a 21 guage needle. 

B. Human foreskin fi broblast cells encapsulatedin chitosan-ammonium hydrogen phosphate 

thermogels after 3 days in culture. Cells stained green (live cells) and cells stained red (dead 

cells).

Uncoated tantalum Conventional HA coated tantalum

Nanocrystalline HA coated tantalum Nanocrystalline HA coated tantalum

Figure 7.4. Histology of rat calvaria after 6 weeks implantation of uncoated tantalum, conven-

tional HA coated tantalum and nanocrystalline HA coated tantalum. Greater amounts of new 

bone formation occurs in the rat calvaria with implanting nanocrystalline HA coated tantalum 

compared to uncoated and conventional HA coated tantalum. Red represents new mineralized 

bone and blue represents unmineralized tissue. Adapted and redrawn from [131].
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Figure 9.7. (a) Pseudo-colored OIM map from the cross-section of the tensile-tested LENS™ 

deposited TNZT sample viewed parallel to the tensile axis. The β grains are clearly visible in this 

map. (b) {001}, {011}, {111}, and, {112} β pole fi gures from the same sample exhibiting a strong 

<001> texture. [Rajarshi Banerjee et al. Laser Deposited Ti-Nb-Zr-Ta Orthopedic Alloys (J. Bio. 

Mater. Res., 78A (2), 2006), 298.]
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Figure 16.4. Results of nano-HA/collagen/PLA composite scaffold in a rabbit model. (See text 

for full caption.)
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Figure 17.2. Effects of Heterotypic Cellular Interactions on Cellular Phenotypes. (See text for 

full caption.)
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Figure 17.3. Structure-Function Relationship at the Ligament-to-Bone Insertion Site. (See 

text for full caption.)

(a)

(c) (d)(b)

Figure 17.4. Biomimetic Multiphasic Scaffold for Interface Tissue Engineering: Design, 

In Vitro and In Vivo Testing. (See text for full caption.)
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Figure 21.4. Wear surface topography of UHMWPE (initial surface fi nish 0.15 μm Ra typical) 

against bare metal and coated counter faces. (See text for full caption.)

Figure 21.11. Thrombus deposits on the material surfaces during the in vivo blood compat-

ibility experiments. (See text for full caption.)



Section I



1

3

Advanced Biomaterials: Fundamentals, Processing, and Applications, Edited by Bikramjit Basu, 
Dhirendra S. Katti, and Ashok Kumar
Copyright © 2009 The American Ceramic Society

 FUNDAMENTALS OF 
BIOMATERIALS AND 

BIOCOMPATIBILITY    
  Bikramjit   Basu   and   Shekhar   Nath  

  Department of Materials and Metallurgical Engineering, Indian Institute of 
Technology Kanpur, Kanpur, India       

           
   
   
        Contents 

  1.1     Overview   4  
  1.2     Introduction   4  
  1.3     Some Useful Defi nitions and Their Implications   5  

  1.3.1     Biomaterial   5  
  1.3.2     Biocompatibility   7  
  1.3.3     Host Response   7    

  1.4     Cell – Material Interactions   8  
  1.5     Experimental Evaluation of Biocompatibility   12 

   1.5.1      In Vitro  Tests   12  
  1.5.2      In Vivo  Tests   14    

  1.6     Steps for Characterizations of Biomaterials   15  
  1.7     Broad Overview of Fundamentals Section   16  

  References   17           



4 FUNDAMENTALS OF BIOMATERIALS AND BIOCOMPATIBILITY

  1.1   OVERVIEW 

 In last two decades, impressive progress has been recorded in terms of developing 
new materials or refi ning existing material composition and microstructure in 
order to obtain better performance of designed materials in biomedical appli-
cations. The success of such large efforts clearly demands better understanding 
of various concepts such as biocompatibility, host response, and cell - biomaterial 
interaction. This chapter reviews the fundamentals for understanding biomateri-
als development.  

  1.2   INTRODUCTION 

 One of the most exciting and rewarding research areas of materials science 
involves the applications of materials to health care, especially to reconstructive 
surgery. The importance of biomaterials can be well realized from an economical 
aspect, that is, in terms of an estimate of total health care expenditure around the 
world. In the most developed country of the world, the United States, total health 
care expenditure in the year 2000 was approximately 14 billion US dollars. It was 
also reported that the US market for biomaterials in 2000 was 9 billion US dollars. 
It can be further noted that the respective annual expenses in other countries of 
the world are typically around two - to - three times that of the US expenses 1 . With 
continuous changes in lifestyle as well as in global scenarios in the health sector, 
such expenses are defi nitely on a much higher side today in both developed and, 
more importantly, developing nations, than at the beginning of this century. To 
this end, the development of biomaterials and related devices is important. 

 The fi eld of biomaterials is multidisciplinary, and the design of biomaterials 
requires the synergistic interaction of materials science, biological science, chemi-
cal science, medical science and mechanical science. Such interaction has been 
schematically illustrated in Figure  1.1 . Also shown in Figure  1.1  is the necessity to 
develop cross - disciplinary approaches in designing new biomaterials. Among dif-
ferent kinds of biomaterials 2 , metals and metallic alloys are used in orthopedics, 
dentistry and other load - bearing applications; ceramics are used 3  with emphasis 
on either their chemically inert 4  nature or their high bioactivity 5 ; polymers are 
used for soft tissue replacement and research is also being pursued for application 
in hard tissue replacement. To achieve better biological properties and mechani-
cal strength, composite materials of metals, ceramics and polymers are being de-
veloped and clinically assessed to a limited extent. Broadly, all biomaterials are 
being developed to maintain a balance between the mechanical properties of the 
replaced tissues and the biochemical effects of the material on the tissue. Both 
areas are of great importance as far as the clinical success of materials is con-
cerned. However, in most (if not all) biological systems, a range of properties 
is required, such as biological activity, mechanical strength, chemical durability, 
and so forth. Therefore, a clinical need often can only be fulfi lled by a designed 
material that exhibits a complex combination of some of the above mentioned 
properties. Figure  1.2  shows the different organs of a living human body that can 
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be replaced by various biomaterials. In living humans, most orthopedic/pros-
thetic joints and dental restorations demand the use of hard tissue/cortical bone 
or analogue materials, such as high - strength metals or high - hardness ceramics. 
To this end, the use of softer polymeric materials is restricted to the cranial area, 
blood vessels, heart valves, intraocular lenses, and so on.   

 In this section, the structure of this introductory chapter has been presented. 
Section  1.3  discusses necessary biological terms and their importance as well as 
the materials classifi cation with respect to host response. Specially, in subsections 
 1.3.1  and  1.3.2 , the two important terms  biomaterials  and  biocompatibility  have 
been defi ned and their implications are provided. In the subsequent subsection 
 (1.3.3) , the host tissue response with biomaterials has been assessed critically.  
 In section  1.4 , the cell - material interaction has been discussed with an aim 
to provide a fundamental idea about the interactions of a specifi c cell line with 
implanted materials. The next section  (1.5)  demonstrates the various  in vitro  and 
 in vivo  experiments to determine the biocompatibility of the materials. In the 
subsequent section  (1.6) , the steps involved in characterizing biomaterials are 
discussed. At the close, the brief highlights of the various book chapters under 
 ‘ Fundamentals ’  section is presented in section  1.7 .  

  1.3   SOME USEFUL DEFINITIONS AND THEIR IMPLICATIONS 

  1.3.1   Biomaterial 

 Broadly, biomaterials can be defi ned as synthetic materials, which have been 
designed to induce a specifi c biological activity 6 . The major difference of 

     Figure 1.1.     Concept triangle illustrating the synergistic interaction of Engineering and Bio-

logical science disciplines, involved in designing biomaterials. The schematic also demonstrates 

the multidisciplinary approach of the science and technology of biomaterials. [Reproduced 

from, J Black, in chapter: Biocompatibility: Defi nition and Issues, Biological Performance of 

Materials: Fundamentals of Biocompatibility, CRC Press, US, 2006.]  
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biomaterials from other classes of materials is their ability to remain in a 
biological environment without damaging the surroundings and without 
getting damaged in that process 7 . Therefore, biomaterials require both biological 
and materials properties to suit a specifi c application. It must be emphasized 
here that biological properties/responses of a material in physiological environ-
ments are, by far, the most important consideration, as opposed to superior 
mechanical properties, for selecting/defi ning biomaterials. From the health care 
perspective, it is desirable that a biocompatible material interrupts normal 
body functions as little as possible. The most important aspect of a biomaterial 
is, therefore, how a biomaterial interacts when implanted in a human or animal 
body.  

     Figure 1.2.     A schematic of the various human body parts, which can be potentially replaced 

by synthetic biomaterials. [Reproduced from, J Black, in chapter: Biocompatibility: Defi nition 

and Issues, Biological Performance of Materials: Fundamentals of Biocompatibility, CRC Press, 

US, 2006.]  
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  1.3.2   Biocompatibility 

 The fundamental requirement of any biomaterial concerns the ability of the 
material to perform effectively with an appropriate host response for the desired 
application, that is, the material and the tissue environment of the body should 
coexist without having any undesirable or inappropriate effect on each other. This 
has also been mentioned in Figure  1.1 . Such a requirement is broadly described 
by the concept known as  ‘ biocompatibility ’  8 . Broadly, biocompatibility is defi ned 
as  ‘ the ability of a material to perform with an appropriate host response in a 
specifi c application. ’  From a biological point of view, biocompatibility arises from 
the acceptability of non - living materials (synthetic biomaterial) in a living body 
(mammal/human). There are three important aspects of biocompatibility that 
a candidate biomaterial seeks to achieve in diverse environments, such as 
bone, blood vessel and the eye. In the fi rst place, biomaterials must be biochemi-
cally compatible, non - toxic, non - irritable, non - allergenic and non - carcinogenic; 
second, biomechanically compatible with surrounding tissues; and third, a bio -
 adhesive contact must be established between the materials and living tissues. 
It needs to be emphasized here that the biocompatibility depends on place of 
applications. For example, a specifi c material could be biocompatible in bone 
replacement, but the same material may not be biocompatible in direct blood 
contact application. However, as will be discussed later, a range of  in vitro / in vivo  
tests are suggested to completely describe the biocompatibility property. It must 
be emphasized hence that for a given biomedical application, only a selected set 
of relevant tests, among various tests mentioned in section  1.6 , should be carried 
out on potential implant materials.  

  1.3.3   Host Response 

 In order to develop new materials, it is desirable to understand the  in vivo  host 
response of various biomaterials. Ideally, biomaterials should not induce any 
change or provoke undesired reaction in the neighboring or distant tissues. An 
important aspect of host response involves the formation of a structural and bio-
logical bond between the material and host tissues. When the biocompatibility is 
lacking, materials cause tissue reactions, which may be systemic or local. Systemic 
responses can be toxic or allergic and triggered by the products of metallic corro-
sion and polymer degradation, release of micro particles from materials, and the 
presence of contaminants. 

 Different human systems (such as respiratory, circulation, or digestive) 
respond in different ways to contact with foreign bodies or materials. Depending 
on the biocompatibility and host reaction, biomaterials can be broadly classifi ed 
into three main categories on the basis of various types of host responses of bio-
materials after implantation into the living body 2 : 

  a)     Bioinert / biotolerant:   Bioinert materials are biocompatible materials, 
but cannot induce any interfacial biological bond between implants 
and bone.  



8 FUNDAMENTALS OF BIOMATERIALS AND BIOCOMPATIBILITY

  b)     Bioactive:   Bioactive materials are a group of biocompatible materials that 
can attach directly with body tissues and form chemical and biological 
bonds during early stages of the post implantation period.  

  c)     Bioresorbable:   Bioresorable materials are the type of biocompatible 
materials that are gradually resorbed before they fi nally disappear and 
are totally replaced by new tissues  in vivo .    

 When a bioinert material is implanted, a capsule - like layer forms on the sur-
face of the implant to keep it isolated from the living part of the body. For exam-
ple, bioinert ceramics, such as alumina or zirconia, develop fi brous capsules at 
their interface when implanted. However, it is important to note that the thickness 
of an interfacial fi brous layer depends upon motion and the extent of required fi t 
at the interface. Therefore, a bioinert material is not useful for long - term applica-
tion. The most signifi cant class of biomaterial is bioactive material, which can po-
tentially behave as the part of a living body. A few examples of bioactive materials 
are 45S5 bioglass and calcium phosphates (HA). For bioactive materials, the inter-
facial bond prevents motion between the implant – tissue interfaces and imitates 
the type of interface found when natural tissues repair themselves 9 . The third kind 
of material is bioresorable or degradable, which degrades with time inside the 
body ’ s environment. The degradation rate should be such that the regeneration 
rate of new tissue will be same as the material resorption rate. Tricalcium Phos-
phate (TCP) and bone cement are the two examples of bioresorable materials.   

  1.4   CELL – MATERIAL INTERACTIONS 

 The interaction between biomaterials and natural tissues is an important scien-
tifi c issue and understanding this issue is essential to designing new biocompati-
ble materials. In understanding the interaction and integration of biomaterials in 
a human body, it is worthwhile to mention the physicochemical conditions of the 
human body ’ s environment. For example, nominal pH values vary over a wide 
range of 1.0 (gastric content) to 7.4 (blood) 10 . Additionally, pH values can change 
depending on health conditions (disease, etc.). The temperature of the normal 
core of human body is around 37.4    ° C; however, deviations over a range of tem-
perature 20 – 42.5    ° C have been reported for diseased patients 10 . As far as the inor-
ganic composition of the human body is concerned, total body burden of Ca, Na, 
Cl ions is much higher and also traces of Mg, Fe, Zn, Cu, Al, and so on, are pres-
ent in cytoplasm. 

 Biologically, a cell is defi ned as a self - duplicating unit, given the proper nutri-
ents and environment. A cell can alternatively be described as a collection of 
self - replicating enzymes and structural proteins. In Figure  1.3a , the anatomy of a 
typical mammalian eukaryotic cell has been provided. Various important organ-
elles can be identifi ed in Figure  1.3a  and important organelles include mitochon-
drion (energy warehouse), Golgi apparatus, Endoplasmic Reticulum (ER), etc. It 
can be mentioned here that rough ER is one of the preferred locations for protein 
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     Figure 1.3.     Schematic illustration showing the anatomy of an eukaryotic animal cell (a) [Re-

produced from Bruce Alberts, Alexander Johnson, Julian Lewis, Martin Raff, Keith Roberts, 

Peter Walter, Introduction to the Cells in  “ Molecular Biology of The Cell ” .] and the fundamen-

tal mechanisms involved in biomaterial - cell interaction, established by the adsorbed proteins 

(circles, boxes and triangles) with the integrin proteins of a biological cell (b) [Reproduced 

from BD Ratner, AS Hoffman, FJ Schoen, JE Lemons, Biomaterials Science — An Introduction to 

Materials in Medicine, 2 nd  edition, Academic Press, New York, 2004.].  
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synthesis. The structure of cytoskeleton is also visible. Cytoskeleton is typically 
made up of three proteinaceous structures: actin fi lament, microtubule and inter-
mediate fi laments. Specifi c chatrcaterisitcs of cytoskeleton allows the constituent 
proteins to rearrange or reorganize themselves when desired, e.g., in case of 
change of cell shape in response to external stimulation.   

 It is critical that any implant material must, to a minimum extent, elicit a toxic 
response, that kills cells in the surrounding tissues or releases chemicals that can 
migrate within tissue fl uids and cause systemic damage to the patient. Therefore, it 
is important, in the fi rst place, to understand biomaterial – cell interaction. A sche-
matic illustration of the fundamental mechanisms involved in biomaterial – cell in-
teraction is shown in Figure  1.3b . It can be recalled that once a material is implanted 
in an animal, a large number of protein molecules are adsorbed on biomaterial sur-
face. This is because of the abundance of protein as an order of 10 9  number of pro-
tein molecules per eukaryotic cell is estimated in the human body. Also, a simple 
calculation shows an order of 10 14  number of eukaryotic cells in a healthy human.   

 From the phenomenological point of view, protein adsorption on an implant 
takes place fi rst because of faster adsorption kinetics, and this acts as precursor to 
the cell – material interaction. A schematic of protein adsorption phenomenon as 
well as experimental results to illustrate the protein adsorption isotherm have 
been provided in Figure  1.4 . Therefore, a material does not  “ see ”  a cell directly 

     Figure 1.4.     Schematic illustration showing the anatomy of a eukaryotic animal cell (a) and 

the fundamental mechanisms involved in biomaterial - cell interaction, established by the 

adsorbed proteins (circles, boxes and triangles) with the integrin proteins of a biological cell 

(b). [Reproduced from BD Ratner, AS Hoffman, FJ Schoen, JE Lemons, Biomaterials Science —

 An Introduction to Materials in Medicine, 2 nd  edition, Academic Press, New York, 2004.]  
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and the initial interaction is established through the interaction of cell surface 
receptors with adsorbed protein ligands. Such protein - to - protein binding impor-
tantly helps a cell to spread on the material surface.   

 Subsequent spreading to cover entire implant surface is also facilitated by 
cytoskeletal reorganization, as shown schematically in Figure  1.5 . 

 After implantation of a biomaterial, a monolayer of protein molecules gets 
absorbed on the material surface within a minute. Subsequently, the transport of 
various cell types towards the biomaterial surface occurs and the interaction of 
the integrin proteins of cell surface with the absorbed protein of biomaterials 
surface is established. The secretion of cell enzymes of various cell type form an 
extra cellular matrix (ECM). Depending on cell biomaterial interaction, various 
cell types can adhere in a self - organized manner to form a tissue. To this end, 
an important event is the formation of the small blood vessels (angiogenesis) as 
well as formation of large blood vessels (vasculogenesis) within the newly - formed 
tissue layer. Such formation is necessary for the supply of nutrients locally to 
various cell types as well as for the removal of waste from ECM.  

     Figure 1.5.     Schematic illustration showing the anatomy of a eukaryotic animal cell (a) and 

the fundamental mechanisms involved in biomaterial - cell interaction, established by the 

adsorbed proteins (circles, boxes and triangles) with the integrin proteins of a biological 

cell (b). [Reproduced from BD Ratner, AS Hoffman, FJ Schoen, JE Lemons, Biomaterials Sci-

ence — An Introduction to Materials in Medicine, 2 nd  edition, Academic Press, New York, 2004.]  
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  1.5   EXPERIMENTAL EVALUATION OF BIOCOMPATIBILITY 

 Any research program of assessment on biomaterials must include a range of 
 in vitro  and  in vivo  tests, as stated by various standard agencies (for example, 
International Organization for Standardization [ISO]). ISO guidelines are also 
available and such guidelines are followed to select the tests for the biological 
evaluation of materials and medical as well as dental devices. It may be worth-
while to remember the difference between  in vitro  and  in vivo  tests.  In vitro  tests 
are lab scale simulated experiments, which are rapid and are a must as initial 
screening tests. From the results of the  in vitro  tests, one cannot obtain any infor-
mation of infl ammation and immune response of the materials. Also, most of the 
 in vitro  experiments use single cell lines, which do not refl ect the actual tissue in-
teraction (involving multiple cell types)  in vivo . Although the  in vitro  experiments 
are inexpensive, such tests do not provide appropriate representation of physio-
logical conditions. These tests, nevertheless, are effective as the fi rst step of 
biocompatibility evaluations. On the other hand,  in vivo  experiments produce a 
better approximation to the human environment. Here, the material comes in 
contact with different cell types and the effect of hormonal factors can be ana-
lyzed. Also,  in vivo  tests provide interactions with extracellular matrix, blood -
 borne cells, protein and molecules. These experiments can be regarded as the 
second step prior to clinical use. 

  1.5.1    In Vitro  Tests 

 In order to harmonize the existing guidelines, ISO has prepared the guideline 
document  ‘ Biological testing of Medical Devices — Part 1: Guidance on Selection 
of Test ’  (ISO 10933 - 1), which incorporates all the national and international doc-
uments. ISO 10993 requirements for long - lasting tissue/bone implants require 
various biological tests and the following are the major  in vitro  tests: 

   •      Cytotoxicity:   This is an  in vitro  test of cell toxicity. The cytotoxicity experi-
ments determine whether the material is toxic in contact with some particu-
lar cell lines. The test is generally done in a laboratory using some standard/
relevant cell lines and the cells are seeded on the materials. As far as the 
experimental evaluation of biocompatibility is concerned, the cytotoxicity 
tests are widely cited as the primary assessment of biocompatibility and 
therefore are discussed in more detail below. 

 As a fi rst step, the sterilization of the samples is carried out in order to 
remove other micro - organisms, if present on the surface. Depending on 
type of implant materials (i.e., chemistry and chemical composition), the 
sterilization is either carried out in steam autoclave (15   psi, 121    ° C, 20 min-
utes) or using  γ  - ray irradiation. The culture medium used for cell culture 
testing is DMEM (Dulbecco ’ s modifi ed Eagles ’  medium), containing 10% 
serum, 1% antibiotic cocktail. The samples are incubated in the culture 
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solution containing mammalian cells (direct contact) for 24 hours at 37.4    ° C 
(human body temperature). 

 The choice of cell types depends on desired application of a given bio-
material. For example, if the material under investigation is to be used as 
bone analogue material, then human osteoblast (HOB) cell lines are to be 
used. Nevertheless, as per ISO guidelines, fi broblast cells, which are normally 
contained in living connective tissue, are to be used for primary assessment 
of cell adhesion. This is because of the fact that these cells can easily prolif-
erate on material surfaces and also they come in contact at wound/injured 
area (e.g., implant zone) at the initial stage. Another parameter for cell cul-
ture testing is the time of culture. Usually, the tests are widely reported to 
be carried out for 24 hours; however, slowly growing cells, like HOB, need 
to be cultured for three to seven days. In order to quantify the number of 
attached cells or to study cell – material or cell – cell interactions using light/
electron microscopy, the cells were fi xed in glutaraldehyde/formaldehyde. 
Before fi xing, these are washed twice in PBS (Phosphate buffer saline) to 
completely remove the culture medium. The formaldehyde solution is (4%) 
diluted in PBS and it is kept for 20 minutes. Finally, the samples are stored 
in PBS at 4    ° C. Afterward, the samples will be dried in a critical point dryer 
using liquid CO 2 . 

 MTT assay is a standard colorimetric assay (an assay which measures 
changes in color) to quantify cellular proliferation (cell growth). It is used 
to determine cytotoxicity of potential medicinal agents and other toxic ma-
terials. Yellow MTT (3 - (4,5 - Dimethylthiazol - 2 - yl) - 2,5 diphenyltetrazolium 
bromide, a tetrazole) is reduced to purple formazan in the mitochondria 
of living cells. A solubilization solution (usually either dimethyl sulfoxide 
or a solution of the detergent sodium dodecyl sulfate in dilute hydrochlo-
ric acid) is added to dissolve the insoluble purple formazan product into a 
colored solution. The absorbance of this colored solution can be quantifi ed 
by measuring at a certain wavelength (usually between 500 and 600   nm) by 
a spectrophotometer. This reduction takes place only when mitochondrial 
reductase enzymes are active, and therefore, conversion is directly related 
to the number of viable (living) cells.  

   •      Genotoxicity:   In this  in vitro  experiment, it is primarily observed whether 
any genetic mutation occurs in the cells in direct contact with the biomate-
rial surface.  

   •      Hemocompatibility:   Hemocompatibility evaluates the material ’ s com-
patibility with red blood cells. In particular, thrombogenic property or
changes in RBC content in a blood stream fl owing over the biomater-
ials are assessed and a better thrombus material should ideally show 
limited thrombus formation. Such evaluation is a must for cardiova-
scular implant materials. The examples of hemocompatibile materials 
are PolyTetra Flouro Ethylene (PTFE), Diamond Like Carbon (DLC), 
and so on.     
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  1.5.2    In Vivo  Tests 

 The different  in vivo  tests include: 

   •      Sensitization:   This is an  in vivo  test, where materials are kept in the sub-
cutaneous region of an animal and the observations are the change in skin 
color, allergic effect, or some other irritations.  

   •      Implantation:   Implantation is an  in vivo  experiment, where a sample of a 
predefi ned shape is placed in the long bone of a mammal (rabbit, rat and 
mouse). After a specifi ed time frame, the samples and surrounding tissues 
are examined histopathologically to determine the  in vivo  response of the 
materials. In general, short term implantation tests are conducted for up 
to 12 weeks and long term tests for up to 78 weeks. Since the animals are 
sacrifi ced, the number of animals is limited to a minimum number from an 
animal welfare point of view.  

   •      Carcinogenicity:   Carcinogenicity is a long term  in vivo  experiment, which 
determines any cancerous effect on the cells in contact with materials. The 
examples of carcinogenic materials are Pb, Sn, and so on.    

 ISO - 10993 draft categorizes the devices by the nature of their contact with the 
body: 

  a)     Surface - containing devices, such as electrodes, compression bandages, 
contact lenses, urinary catheters, and so on.  

  b)     External communicating devices, such as dental cements, arthroscopes, 
intravascular catheters, dialysis tubing, and so on.  

  c)     Implant devices, such as hip and knee prosthesis, pacemakers, artifi cial 
tendons, heart valves, and so on.    

 Furthermore, ISO - 10993 document groups the implants according to the duration 
of their interaction with the body [limited exposure ( < 24h), prolonged exposure 
( > 24h and  < 30 days) or permanent contact ( > 30 days)]. The interaction duration 
and contact type between the device and tissues affect the selection of the test to 
asses the device compatibility. 

 Suffi cient knowledge about the biodegradation 11  of biomaterials is essential 
in the evaluation of local or systemic effects, which can be caused in patients. For 
example, the corrosion of orthopedic alloys causes the release of various metal 
elements in human tissue and has to be assessed with respect to levels, kinetics, 
and chemical state of the ions. Currently, there are no standard practices, methods 
or guideline for the evaluation of corrosion of orthopedic alloys, and of the prod-
ucts formed from corrosion. Other important tests for load - bearing implants 
include friction and wear tests. Besides evaluation of frictional and wear resis-
tance properties, the wear debris particles need to be analyzed in terms of size/
size distribution and chemistry. This analysis is critical as far as asceptic loosening 
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or osteolysis is concerned. In addition,  in vitro  dissolution tests assess the weight 
change or deposition of any mineralized phase (such as CaP - rich) on the surface 
of biomaterial. In the absence of prescribed ISO guidelines, all the above 
mentioned tests are carried out in simulated body fl uid solution, such as Ringer ’ s 
solution or Hank ’ s balanced salt solution (HBSS). Depending on the intended 
use of biomaterials, different proteins such as bovine serum albumin (BSA) or 
other serum proteins are added to SBF. During corrosion/wear/ in vitro  dissolu-
tion tests, the pH of 7.4 and temperature of 37    ° C are closely maintained during 
the entire test duration. In case of tests with dental restorative material, such as 
glass - ceramics,  in vitro  dissolution tests are carried out in artifi cial saliva.   

  1.6   STEPS FOR CHARACTERIZATIONS OF BIOMATERIALS 

 In order to evaluate the cell/tissue interactions for biomaterials, certain specifi c 
experiments have to be followed. These include: 

  a)     The fi rst step is the material development and its characterization. Previ-
ous experience and literatures help in choosing the appropriate system to 
evaluate a material for a specifi c application.  

  b)     After evaluating the physical properties and some other necessary tests, 
the material goes to microbiology section, where the material is steril-
ized by ethanol or gamma ray or some other techniques. Depending on 
the desired biomedical application of the materials under investigation, 
it goes to thrombosis lab and tissue culture lab, to evaluate the  in vitro  
properties of materials. In thrombosis lab, materials are tested in contact 
with blood. The tests are platelet count, platelet adhesion, hematology, 
coagulation test, and immunology. In tissue culture lab, the interaction 
of cells as well as different tissues with materials is observed. The tests 
are cell proliferation and cell adhesion and  in vitro  toxicity. Depending 
on end use, a specifi c property of a material is evaluated. For orthopedic 
implant applications, cell adhesion is mostly desirable, but cell adhesion 
assessment is not desirable for heart valve materials. For the latter, the 
desirable property is thromboresistance.  

  c)     Subsequently, material goes to the  in vivo  toxicity lab. Here, materials 
extract is injected into animal bodies or material is placed in the animal 
body. After a long - term observation, the animal is sacrifi ced and the con-
tacting body parts of the animal are taken to the histopathology lab for 
further experiments  

  d)     In the histopathology lab, animal tissues are prepared for microscopic 
analysis. Special techniques are adopted to make the sample for optical, 
scanning and transmission electron microscopy.  

  e)     There are some important aspects to choose the animal for  in vivo  
experiments. The animal welfare committee and ethical committee decide 
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the number of animals and the type of animals for particular  in vivo  
experiments. Some guidelines need to be followed.  

  f)     When the material is successfully selected for a particular application, it 
goes to implant biology section to shape the material into fi nal use. Rapid 
prototyping using CAD - CAM technology is the new technique for devel-
oping these materials.  

  g)     The other important aspects of biocompatibility testing are clean room 
practice and microbiological evaluation of materials. The laboratory en-
vironment should be free from dust and microbes and totally sterilized. 
Distilled water maintenance plays an important role, because in every 
step the quality the distilled water, dictates the perfection in experiments.     

  1.7   BROAD OVERVIEW OF FUNDAMENTALS SECTION 

 In the  Fundamentals section of this book (section I) , the topics will cover the 
structure and properties of calcium phosphates, mechanical properties of bones, 
interaction of cells with nanobiomaterials, interface tissue engineering, blood 
compatibility, and polymer - ceramic biocomposites. In particular, the fundamental 
aspect of structure, processing and properties of the natural bone as well as those 
related to various approaches to develop or design new biomaterials is presented 
in the chapters under this section. For example, the chapter by  Bikramjit Basu  
and co - workers broadly discusses the various approaches to optimize the process-
ing conditions or material composition to design biomaterials in metals, ceramics 
and polymeric materials for hard tissue replacement. Limited discussion is also 
made on biocompatible coatings. It is well known that the inorganic component 
of the natural cortical bone is calcium phosphate (CaP) compounds, rich with 
hydroxyapatite (HA) phase. In view of this, concerted research efforts were 
invested in understanding the structure and properties of HA and subsequently 
to modify or refi ning the structure and properties of HA to improve the physical/
biological properties. In this context, the chapter contributed by  Racquel Z.  
Legeros  describes, among many aspects, the fundamental crystal structure of HA 
and calcium - defi cient apatite (CDA). The results obtained with various charac-
terization tools in precisely describing the structure of such complex inorganic 
compounds are provided. Following the substitution of anion (OH  −  ) by F  −   or Cl  −  , 
(CO3)  − 2  and similarly, incorporation of Sr, Ba, Pb to substitute (Ca +2 ) cation are 
discussed along with their implication on structure and properties in reference of 
stoichiometic HA. 

 The aspect of synthesis of various types of biologic apatites, including ACP, 
DCPDTCP, OCP, TTCP is mentioned briefl y along with the existing/potential bio-
medical applications of CaP - compounds. The chapter by  Guy Daculsi  describes 
the processing strategies to develop micro -  and macro - porous biphasic calcium 
phosphate (BCP) bioceramics (an optimum balance between the more stable HA 
phase and more soluble TCP) for better osteogenicity and osteoinductive pro-
perties. The clinical applications requiring better control of biomaterial resorption 
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and bone substitution are highlighted along with the existing commercial use of 
BCP blocks/particulates/designed matrices with bone marrow or mesenchymal 
stem cells for tissue engineering (hybrid bone). Overall musculoskeletal joint 
motion depends largely on the synchronized interactions and integration between 
bone and soft tissues such as ligaments, tendons or cartilage. Therefore an impor-
tant consideration in the current functional tissue engineering effort is how to 
achieve tissue – to – tissue integration and as a consequence, the focus in the fi eld of 
tissue engineering has shifted from tissue formation to tissue function, in particu-
lar on regenerating the anatomic interface between various soft tissues and bone. 

 In the context of interfacial tissue engineering, the chapter by  Helen H. Lu  
discusses the following aspects: design considerations in interface tissue engineer-
ing and recent research results using the anterior cruciate ligament – to – bone 
interface model system. It is posited that functional integration of soft tissue 
grafts can be achieved through the regeneration of the characteristic fi brocarti-
lage interface found between soft tissue and bone. Some model scaffold systems 
based on biodegradable polymers and calcium phosphate composites for tendon –
 to – bone integration have been discussed, along with a discussion of the potential 
mechanism for  ex vivo  development and  in vivo  translation of integrated muscu-
loskeletal tissues with biomimetic complexity and functionality. 

 The chapter by  Yoshiki Oshida  presents how better osseointegration prop-
erty in Titanium - based new dental implants can be achieved by introducing func-
tionality. The aspects of biological, mechanical and morphological compatibilities 
at the ti - implant/hard tissue interface have been utilized and described along with 
the related processing strategies. Since the last decade, nanotechnology offers 
exciting alternatives to traditional implants since human tissues are composed 
of constituent nanostructured entities. The cross - fertilisation of ideas drawn 
from nanotechnology and bone - tissue engineering offers the opportunity to 
closely biomimi the cortical bone properties, in terms of the combination of the 
structure – property – biological performance correlationship. 

 In this context, the chapter contributed by  T. J. Webster  focuses on the con-
temporary development of nanomaterials for orthopedic applications.   After 
briefl y reviewing the existing problems with the existing orthopedic implants (os-
teolysis, fractures etc.), the results obtained with synthesized novel nanophase 
composites (that is, materials with dimensions less than 100   nm in at least one di-
rection) of metals, ceramics, biodegradable polymers, injectable hydrogels are 
presented. It is demonstrated that the increased regeneration of bone, cartilage, 
vascular, and bladder tissue  in vivo  is achievable on nanophase compared to con-
ventional materials.  

  REFERENCES 

1.     B. D.   Ratner  ,   A. S.   Hoffman  ,   F. J.   Schoen   and   J. E.   Lemons  ,  Biomaterials Science - An 
Introduction to Materials in Medicine ,  2 nd  edition , pp. 526 ,  Academic Press ,  New York , 
 2004 .  



18 FUNDAMENTALS OF BIOMATERIALS AND BIOCOMPATIBILITY

2.     Joon B.   Park  ,   Joseph D.   Bronzino  ,  Biomaterials: Principles and Applications ,  CRC 
press ,  New York ,  2003 .  

3.     L. L.   Hench  ,   J.   Wilson  , An Introduction to Bioceramics, Vol. 1, World Scientifi c,  1993 .  
4.     C.   Piconi   and   G.   Maccauro  ,  “  Zirconia as a ceramic biomaterial , ”   Biomaterials ,  20  [ 1 ] 

 1  –  25  ( 1999 ).  
5.     L. L.   Hench  ,  “  Bioceramics , ”   J. Am. Ceram. Soc. ,  81  [ 7 ]  1705  –  1728  ( 1998 ).  
6.     D. F.   Williams  ,  Consensus and defi nitions in biomaterials: Advances in Biomaterials , 

 Elsevier Publishers ,  Amsterdam, The Netherlands ,  1988 .  
7.     M. S.   Valiathan  , and   V. K.   Krishnan  ,  “  Biomaterial: An Overview  ” ,  Nation. Med. J. 

Ind. ,  12  [ 6 ]  270  –  74  ( 1999 ).  
8.     D. F.   Williams  ,  Defi nitions in Biomaterials, Progress in Biomedical Engineering ,  Else-

vier Publishers ,  Amsterdam, The Netherlands ,  1987 .  
9.     C. P.   Sharma  ,  “ Biomaterials and Artifi cial Organs – Current Status, ”  Biomaterials, 

Biomedical Technology  &  Quality System, Published by IIPC, SCTIMST,  2004 .  
10.     F. H.   Silver  , and   D. L.   Christiansen  ,  Biomaterials Science and Biocompatibility , 

 Springer publication ,  London, UK ,  1999 .  
11.     M. F.   Harman  ,   A.   Naji   and   P.   Gonfrier  ,  “   In vitro  Study of Biomaterials Biodegrada-

tion using Human Cell Cultures , ”   Clini. Mater. ,  15   281  –  85  ( 1994 ).   

         
 
 



2

19

Advanced Biomaterials: Fundamentals, Processing, and Applications, Edited by Bikramjit Basu, 
Dhirendra S. Katti, and Ashok Kumar
Copyright © 2009 The American Ceramic Society

 FUNDAMENTALS OF 
HYDROXYAPATITE AND 

RELATED CALCIUM 
PHOSPHATES    

   1 Racquel Zapanta   LeGeros  ,    2 Atsuo   Ito  ,    3 Kunio   Ishikawa  , 
   4 Toshiro   Sakae  , and    1 John P.   LeGeros  

   1 Calcium Phosphate Research Laboratory, Department of Biomaterials  &  
Biomimetics New York University College of Dentistry, New York, 

New York, USA  
   2 National Institute of Advanced Industrial Science and Technology, 

Tsukuba, Japan  
   3 Faculty of Dental Sciences, Kyushu University, Fukuoka, Japan  

   4 Nihon University School of Dentistry, Matsudo, Japan       
           
   
   

    Contents 

    2.1     Overview   20  
  2.2     Introduction   20  
  2.3     Fundamentals of Hydroxyapatite   23  

  2.3.1      Structure and Properties of Hydroxyapatite, HA and Calcium - Defi cient 
Apatite, CDA   23  

  2.3.2     Substitutions in the Apatite Structure   25  
  2.3.2.1     Fluoride or Chloride Incorporation   25  
  2.3.2.2     Carbonate Incorporation   27  
  2.3.2.3     Simultaneous Incorporation of Carbonate and Fluoride   33  
  2.3.2.4     Incorporation of Cations Substituting for Calcium Ions   34  
  2.3.2.5     Incorporation of Anions Substituting for the Phosphate Ions   34      



20 FUNDAMENTALS OF HYDROXYAPATITE AND RELATED CALCIUM PHOSPHATES

  2.4     Related Calcium Phosphates   35 
   2.4.1     Amorphous Calcium Phosphates (ACP)   35  
  2.4.2     Dicalcium Phosphate Dihydrate (DCPD)   36  
  2.4.3     Octacalcium Phosphate (OCP)   38  
  2.4.4     Tricalciumphosphate ( α  - TCP,  β  - TCP)   38  
  2.4.5     Tetracalcium Phosphates (TTCP)   39    

  2.5     Biologic Apatites and Related Calcium Phosphates   39  
  2.6     Calcium Phosphate - Based Biomaterials   40  

  Acknowledgments   45  
  References   46           

  2.1   OVERVIEW 

 Several types of calcium phosphates occur in nature and in biologic systems. 
These apatites or tricalcium phosphates incorporate different ions. In biologic 
systems, besides the carbonate apatite which comprise the mineral phase of the 
calcifi ed tissues (enamel, dentin, cementum, bone), there are other calcium 
phosphates (amorphous calcium phosphate, dicalcium phosphate, octacalcium 
phosphate and magnesium - substituted tricalcium phosphates.) Calcium phos-
phates of synthetic or biologic origin are used as bone graft materials or as 
coatings on orthopedic and dental implants. 

 A brief review of the physico - chemical properties of hydroxyapatite and re-
lated calcium phosphates and their medical and dental applications are presented 
in this chapter.  

  2.2   INTRODUCTION 

 Calcium phosphates occur in biologic systems (Table  2.1 ) and in nature (Table 
 2.2 ). Apatites (specially, substituted apatites) are the most commonly occurring 
calcium phosphate compounds. For example, most of the mineral apatites incor-
porate fl uoride (F - apatite), chloride (Cl - apatite), carbonate (dahllite) or fl uoride 
and carbonate (staffellite), with few occurrences of unsubstituted calcium 
hydroxyapatite, HA (Table  2.2 ). The mineral phase of calcifi ed human tissues 
(for example, enamel, dentin, cementum, bone), previously idealized as calcium 
hydroxyapatite, HA or fl uor - apatite  [5,19,50]  is associated with minor constitu-
ents such as magnesium, sodium, and carbonate, and has been determined as a 
carbonate - substituted apatite, CHA  [57,59,64,107] . The mineral phases of some 
fi sh enameloids and special shells are CHA or carbonate and F - substituted apa-
tite (CFA)  [72,86] .   

 Mixtures of CHA and other calcium phosphates occur in pathologic calcifi ca-
tions, for example, kidney or urinary stones, dental calculus, vascular calcifi cations 
and other soft - tissue calcifi cations (lung, skin, joints), calcifi ed deposits found in 
heart valves prostheses, and so on.  [64,112] . CHA and other calcium phosphates 
also occur in diseased states (for example, tooth enamel or dentin caries)  [63,97] . 
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 TABLE 2.1.     Calcium Phosphates in Biologic Systems 

   Calcium phosphate     Chemical formula     Occurrence  

  Carbonate apatite, 
Carbonate - F -
 apatite  

  (Ca,Z) 10 (PO 4 ,Y) 6 (OH,Z) 2     enamel, dentin, bone, fi sh 
enameloids, special shells, 
pathologic calcifi cations (dental 
calculus, urinary stone, sof - tissue 
calcifi cations), fossil teeth  &  
bones, calcifi cation on heart valve 
prostheses  

  Octacalcium 
phosphate, OCP  

  Ca 8 H 2 (PO 4 ) 6 .5H 2 O    pathologic calcifi cations (dental 
calculus urinary stones)  

  Brushite, dicalcium 
phosphate 
dihydrate, DCPD  

  CaHPO 4 .2H 2 O    pathologic calcifi cations:dental 
calculus, chondrocalcinosis, 
crystalalluria; human enamel and 
dentin caries  

  Whitlockite, 
Mg - substituted 
beta tricalcium 
phosphate,  β  - TCMP  

  (Ca,Mg) 3 (PO 4 ) 2     pathologic calcifi cations: dental 
calculus urinary stones, arthritic 
cartilage, soft tissue calcifi cations; 
arrested dentin caries.  

  Amorphous calcium 
phosphate, ACP  

  (Ca,Mg) x (PO 4 ,Y ′ ) y     soft tissue calcifi cation (skin, joint) 
associated with uremia  

   Calcium 
pyrophosphate 
Dehydrate, CPPD  

   Ca 2 P 2 O 7 .2H 2 O     pseudo - gout deposits in synovium 
fl uid  

   Z   =   Na, Mg, K, Sr, etc; Y   =   CO3, HPO4; X   =   Cl, F; Y ′    =   P2O7, CO3.  [57,63,64,68,72,86,89,90,97,112]    

Calcium phosphates occurring in biologic systems (Table  2.1 ) include: carbonate 
apatite (CHA), amorphous calcium phosphate (ACP), dicalcium phosphate dihy-
drate (DCPD), dicalcium phosphate anhydrous (DCPA), octacalcium phosphate 
(OCP), magnesium - substituted tricalcium phosphate ( β  - TCMP), and calcium py-
rophosphate dihydrate (CPPD)  [13,64,112] . Other non - phosphatic compounds 
that also occur in urinary stones with or without calcium phosphates include cal-
cium oxalates, struvite (magnesium ammonium phosphate) or uric acid. 

 Synthetic apatites and biologically relevant calcium phosphates (for example, 
ACP, DCPD, OCP,  β  - TCP) have been extensively studied in the early 1950s and 
1960s to gain insights into: 

  (a)     the formation of the bone mineral;  
  (b)      demineralization - remineralization of tooth mineral (enamel or dentin) 

associated with dental caries;  
  (c)      ways of preventing formation of different types of calcium phosphates 

associated with pathologic calcifi cations (for example, dental calculus, 
urinary stones, soft tissue calcifi cations (heart, lung, joint, skin), or calci-
fi cation of prostheses (for example, heart valve prosthesis).    
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 TABLE 2.2.     Lattice Parameters of Mineral, Synthetic and Biologic Apatites 

   Apatite     Substituent  

   Lattice 
parameters 
( ± 0.003A)  

    a  - axis      c  - axis  

   Mineral   
  OH - Apatite (Holly Springs)     —     9.422    6.880  
  F - Apatite (Durango, Mex)    F - for - OH    9.375    6.880  
  Dahllite (Wyoming)    CO 3  - for - PO 4     9.380    6.889  
  Staffelite (Staffel, Germany)    CO 3  - for - PO 4 , F - for - OH    9.345    6.880  
  Marine phosphorites (USA)    CO 3  - for - PO 4 , F - for - OH    9.322    6.882  

   Synthetic (non - aqueous) a    
  OH - apatite     —     9.422    6.882  
  F - apatite    F - for - OH    9.375    6.880  
  Cl - apatite    Cl - for - OH    9.646    6.771  
  CO 3  - apatite    CO 3  - for - OH (Type A)    9.544    6.859  

   Synthetic (aqueous b )   
  OH - apatite     —     9.438    6.882  
  OH - apatite    HPO 4  - for - PO 4     9.462    6.879  
  F - apatite    F - for - OH    9.382    6.880  
  (Cl,OH) - apatite    Cl - for - OH    9.515    6.858  
  CO 3  - apatite    CO 3  - for - PO 4  (Type B)    9.298    6.924  
  CO 3  - F - apatite    CO 3  - for - PO 4  (Type B) and F - for - OH    9.268    6.924  

  Sr - apatite    Sr - for - Ca    9.739    6.913  
  Pb - apatite    Pb - for - Ca    9.894    7.422  
  Ba - apatite    Ba - for - Ca    10.162    7.722  

   Biologic apatite   
  Human enamel    (CO 3 ,HPO 4 ) - for PO 4     9.441    6.882  
   Shark enameloid     CO 3  - for - PO 4  (Type B) and F - for - OH     9.382     6.880  

   [57,64]  

 The fi rst application of calcium phosphate for bone repair was reported in 
1920  [1] . It was not until the early 1970s, but especially in the 1980s and 1990s, that 
extensive studies on apatites (particularly calcium hydroxyapatite, HA) and some 
calcium phosphates (especially  β  - TCP) have been investigated for their potential 
use as bone substitute materials  [2,18,46] . Commercial calcium phosphate prod-
ucts used for bone repair, augmentation or as scaffolds for tissue engineering 
include: apatites (HA and calcium - defi cient apatites),  β  - TCP, biphasic calcium 
phosphates, BCP (intimate mixtures of HA and  β  - TCP)  [2,12,15,18,20,46,54,62,
64,70,75] . HA is also used to deposit bioactive coatings on orthopedic and dental 
implants  [30,82] . Experimental apatites (CHA, CFA) and other calcium phos-
phates (e.g., OCP, Mg -  or Zn - substituted  β  - TCP) are investigated as possible 
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bone graft materials, implant coatings, or therapies in bone disease such as osteo-
porosis  [4,39,47,49,56,71,85,95,105,111,114] . 

 Different types of calcium phosphates (for example,  α  - TCP,  β  - TCP, ACP, 
tetracalcium phosphate, TTCP) are used in the preparation of calcium phosphate 
cements  [11,74,101] ; other calcium phosphates (HA, BCP, CHA) are used in 
polymer/calcium phosphate composites  [8,43,93] . 

 This chapter provides a brief review of hydroxyapatite (HA), substituted 
apatites, and related calcium phosphates, and their properties and applications as 
biomaterials. Particular emphasis has been made on carbonate apatites since 
bone and tooth mineral consists of carbonate apatite. This chapter covers a brief 
description of the fundamentals of hydroxyapatite (structure and properties of 
unsubstituted and substituted apatites) and related calcium phosphates; calcium 
phosphates occurring in biologic systems (normal and pathologic calcifi cations); 
and calcium phosphate based biomaterials for medical and dental applications.  

  2.3   FUNDAMENTALS OF HYDROXYAPATITE 

  2.3.1   Structure and Properties of Hydroxyapatite, HA and 
Calcium - Defi cient Apatite, CDA 

 The name  “ Apatite ”  (from the Greek word,  “ apatit ” , meaning to deceive) was 
given to mineral apatites because they were often mistaken for precious gems 
like topaz, aquamarine, amethyst  [17] . The name  ‘ apatite ’  describes a family of 
compounds having similar structure (hexagonal system, with space group, P6 3 /m) 
in spite of a wide range of composition. The structures of calcium hydroxyapatite 
(HA), Ca 10 (PO 4 ) 6 (OH) 2 ; calcium fl uor - apatite (FA), Ca 10 (PO 4 ) 6 F 2 ; and calcium 
chlor - apatite (ClA), Ca 10 (PO 4 ) 6 Cl 2 ; are well established from analyses of mineral 
FA apatite single crystals  [5]  and synthetic apatite single crystals  [50,124] . The 
similarity of the x - ray diffraction (XRD) patterns of enamel, dentin and bone to 
those of mineral apatites together with chemical analyses showing calcium and 
phosphate as principal constituents led to the conclusion as early as 1926 that the 
inorganic phases of bones and teeth are basically a calcium hydroxyapatite, HA, 
idealized as Ca 10 (PO 4 ) 6 (OH) 2   [19] . Association of carbonate in biologic apatite 
led to speculation of the similarity between bone mineral and mineral carbonate -
 containing apatites (that is, dahllite)  [98] , Combined studies on mineral, biologic 
and synthetic apatites provided experimental evidence that established that bio-
logic apatites are carbonate apatites  [57,59,107] . 

 Crystallographically, HA and FA belong to the hexagonal system while ClA 
belongs to the monoclinic system. The apatite hexagonal system, space group 
P6 3 /m, is characterized by a six - fold  a  - axis perpendicular to three equivalent  a  -
 axes (a1, a2, a3) at angles 120    °  to each other. The unit cell, the smallest building 
unit containing a complete representation of the apatite crystal, contains ten cal-
cium (Ca), six phosphate (PO 4 ) and two hydroxyl (OH) groups closely packed 
together in an arrangement shown in Figure  2.1   [124] . The ten calcium atoms are 
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defi ned as Ca(I) or Ca (II) depending on their environment. Four Ca atoms 
occupy the Ca (I) positions at levels  z    =   0 and two at  z    =    ½  (0.5). Six Ca atoms 
occupy the Ca(II) positions one set of three Ca atoms located at  z    =    ¼  (0.25), the 
other set of three at  z    =    ¾  (0.75), surrounding the OH groups located at the cor-
ners of the unit cell. The six tetrahedral PO 4  groups are arranged in sets of three 
at levels  z    =   0.25 and at  z    =   .75. The network of PO 4  groups provides the skeletal 
framework of the apatite and gives great stability to the apatite structure.   

 Calcium - defi cient apatite (CDA) is obtained by precipitation or hydrolysis 
methods at temperatures 25    ° C to 95    ° C  [34,57,64,102] . CDA differs from stoichio-
metric hydroxyapatite (HA) in several properties. Compared to HA, CDA has: 

  (a)      a lower Ca/P molar ratio (ranging from 1.4 to 1.66 for CDA, 1.67 for 
HA);  

  (b)      lower crystallinity (refl ected by lower diffraction intensities and broader 
diffraction peaks;  

    Figure 2.1.     The arrangement of the atoms of calcium hydroxyapatite, Ca 10 (PO 4 ) 6 (OH) 2 , in a 

hexagonal unit cell. The OH ions located in the corners of the unit - cell are surrounded by two 

sets of Ca(II) atoms arranged in a triangle at appositions  z    =   1/4 and  ¾ , by two sets of PO 4  

tetrahedra also in triangular positions; and by hexagonal array of Ca(I) atoms at the outermost 

distance  [124] .  
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  (c)      greater  a  - axis dimension of CDA (9.438 to 9.461 A versus 9.422 A for 
HA), probably due to the incorporation of HPO 4  (partial HPO 4  - for - PO 4  
substitution) [ 64 , Table  2.2 ];  

  (d)      appearance of IR absorption band at about 864   cm  − 1  (attributed to 
P - O - H vibration band of the HPO 4  group) and broad band at 3400 to 
3600 (attributed to the H - O - H vibration band of adsorbed H 2 O).    

 In addition, heating or sintering CDA above 800    ° C results in the transforma-
tion of CDA to  β  - TCP or mixtures of HA and  β  - TCP (with differing HA/ β  - TCP 
ratios), depending on the Ca/P of the CDA before sintering and on the sintering 
temperature, 900 to 1100    ° C  [57,64,84] .  

  2.3.2   Substitutions in the Apatite Structure 

 The apatite structure, Ca 10 (PO 4 ) 6 (OH) 2 , is a very hospitable one allowing the sub-
stitutions of many other ions for the Ca 2+ ,   PO4

3−, or OH  −   groups. Such substitu-
tions cause changes in the crystallographic, physical and chemical properties of 
apatites: for example, lattice parameters ( a  -  and/or  c  - axis dimensions), spectral 
properties, color, morphology (crystal size and shape), solubility and thermal sta-
bility. The extent of the change is proportional to the amount and size of the 
substituting ion (Table  2.2 ). Substitution in the apatite also affects the  in vitro  cell 
response  [29,36,122,123] . 

 Studies on properties of unsubstituted and substituted apatites have been 
based on apatites prepared by precipitation, hydrolysis of other calcium phos-
phates (for example, DCPD, DCPA, OCP,  α  - TCP), hydrothermal reactions or by 
solid state reactions at high temperatures  [3,7, 9,21,22,27,31,32,41,57,58,60,64,71,
73,76 – 81,83,87,89.91,92,103,106 – 109,115 – 118,121,126] . 

 Stoichiometric HA (Ca/P ratio   =   1.67) is obtained by solid state reactions. 
Biologic apatites and synthetic apatites obtained by precipitation or hydrolysis 
(for example, DCPD or DCPA in NaOH solution) methods are usually calcium 
defi cient (Ca/P ratio  < 1.67). Single crystals of HA can be obtained by hydro-
thermal reactions  [3] . 

  2.3.2.1   Fluoride or Chloride Incorporation.     Substitution of F - for - OH or 
Cl - for - OH does not signifi cantly change the atomic arrangements in the apatite 
structure. However, while F - substitution does not change the hexagonal symme-
try of the apatite, Cl - substitution results in changing the symmetry from hex-
agonal to monoclinic symmetry because of the much larger Cl atom substituting 
for the OH group, affecting the relative position of the Cl with respect to the Ca 
triangle, as shown in Figure  2.2   [124] . F - for - OH (F ionic radius    <    OH) substitu-
tion causes a contraction in the  a  - axis dimension with no signifi cant change in the 
 c  - axis while Cl - for - OH substitution causes expansion in both  a  -  and  c  - axis dimen-
sions compared to F -  or Cl - free apatites (Table  2.2  and Table  2.3 ).   

 Full or partial F - for - OH substitution in synthetic apatites depends on the 
F concentration in the solution  [57,59,72] . Incorporation of F in synthetic or 
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biologic apatite causes growth of larger and thicker apatite crystals as shown in 
Figure  2.2   [59,64,79]  and are less soluble than the F - free apatites  [45,59,64,100] . 

 Full or partial Cl - for - OH substitution in the apatite structure depends on the 
method of preparation. Partial Cl - for - OH substitution, Ca 10 (PO 4 ) 6 (OH,Cl) 2 , is 
obtained from aqueous systems at low temperatures (37    ° C to 95    ° C  [58,64,109]  
while full substitution, Ca 10 (PO 4 ) 6 Cl 2 , can only be obtained from non - aqueous 
systems at temperatures 1000    ° C or above  [22,64] . The forming apatite from 
solution highly discriminates against the incorporation of the Cl ions. This 
explains why biologic apatite contains very low Cl concentration in spite of the 
high Cl concentration in the biologic fl uid. 

 Thermal stability of apatites decreases in the order: FA    >    HA    >    ClA  [124]  
while solubility decreases in the following order: ClA    >    HA    >    FA  [52] .    

    Figure 2.2.     Effect of incorporation of fl uoride (F  −  ) ions on crystal size of apatite: causes larger 

and thicker apatite crystals  [59,64] .  

20 kV  ×7,500 1  µm 000019
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  2.3.2.2   Carbonate Incorporation.     Early studies on carbonate - containing 
apatite were prompted by the need to understand the nature of carbonate incor-
poration in biologic apatite (particularly bone and tooth mineral). Such studies 
demonstrated that carbonate (CO 3 ) 2 −   can substitute in the apatite structure either 
for the (OH)  −   or the (PO 4 ) 3 −   group, referred to as Type A or Type B substitu-
tion, respectively  [7] . The fi rst synthetic carbonate - substituted apatite with Type 
A substitution prepared at high temperatures (1000    ° C) was fi rst reported by 
Elliott  [21]  and Bonel  [7] . Apatite with Type B carbonate substitution prepared 
at low temperatures (25    ° C to 95    ° C) was fi rst reported by LeGeros  [57,87,126]  
and was demonstrated to be more similar to the carbonate substitution in bio-
logic apatite  [57,59,83] . The type of substitution depends on the method of prepa-
ration of the carbonate apatite. Type B substitution (CO 3  - for - PO 4 ) is obtained 
when prepared from solution (either by precipitation or hydrolysis method at 
25    ° C to 95    ° C  [57,81,87,126] , or by hydrothermal reactions at 200    ° C and 200   psi 
 [41,57,117,118,121] . When prepared at high temperature (1000    ° C), Type A 
substitution (CO 3  - for - OH) is obtained  [7,21] . Simultaneous Type A and Type B 
carbonate substitutions have also been reported when prepared by hydrothermal 
conversion of fl ux growth (Table  2.4 )  [24 – 26,115,116,118,121] . In the presence of 
Na +  ions in solution, a coupled substitution Na - for - Ca and CO 3  - for - PO 4  occurs 
 [26,57,59,64,126] . For this report, apatite with CO 3  - for - PO 4  substitution (Type B) 
will be referred to as CHA; with CO 3  - for - OH (Type A) substitution, as CA.   

 The two types of substitution have opposite effects on the lattice parameters. 
Type A substitution, in which larger planar CO 3  group substitutes for OH group, 
causes an expansion in the  a  - axis and contraction in the  c  - axis dimensions. Type B 
substitution in which a smaller planar CO 3  group substitutes for the larger tetra-
hedral PO 4  group causes a contraction in the  a  - axis and expansion in the  c  - axis 
dimensions (Figure  2.3 ). CO 3  - apatite prepared by hydrothermal reactions appear 
to allow simultaneous CO 3  - for - OH and CO 3  - for - PO 4  substitution, as evidenced 
by the larger  a  - axis for similar amount of CO 3  incorporation compared to the 
 a  - axis dimension of CHA. Changes in infrared (IR) spectral characteristics are 
specifi c for the two types of CO 3  substitution (Figure  2.4 )  [22,83] .   

 In terms of amount of CO 3  substitution, Type A substitution allows for 
the complete substitution of OH (1 mole CO 3  for 1 mole OH), while Type B 

 TABLE 2.3.     Comparative data on  F  - apatite,  OH  - apatite and  C  l  - apatite 

        F - Ap     OH - Ap     Cl - Ap  

  Ionic radius (A)    F   =   1.36    OH   =   1.53    Cl   =   1.81  

  Ca - F,  - OH,  - Cl distance (A)    2.29    2.89    2.80  
  Unit cell volume (A 3 )    523    530    545  
  Lattice parameters ( ± 0.003A)              
      a  - axis    9.375    9.422    9.647  
       c  - axis     6.880     6.882     6.771  

   [124]  
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substitution allows only partial substitution (maximum of 3 moles CO 3  for 3 
moles PO 4 )  [57,57,64,126] . In addition to the effects on lattice parameters, substi-
tution of CO 3  (Type B) in the apatite structure causes changes in morphology, in 
crystallite size (Figure  2.5 A) and in dissolution properties  [57,64,73,81,92] . In 
synthetic apatites prepared at 60    ° C to 95    ° C ′  morphological changes were ob-
served: from needle - like or acicular crystals to rod - shaped to equi - axed crystals, 
depending on the amount of carbonate incorporated in the apatite (Figure  2.5 B) 
 [64,81,92] . When prepared at 37    ° C, increasing the amount of carbonate incorpo-
ration decreases crystallite size (refl ected in the broadening of the diffraction 
peaks) and eventually promotes the formation of ACP (Figure  2.6 ).   

 Crystal size of carbonate apatite also depends on the preparation method 
and temperature of preparation: nano - crystals of CHA, similar to bone apatite 
[Figures  2.7 A and  2.7 B], are obtained by precipitation method at 25    ° C or 37    ° C; 

    Figure 2.3.     Effect of two types of substitution on the  a  - axis dimensions of synthetic carbon-

ate apatites. Type A (CO 3  - for - OH) causes an expansion and Type B (CO 3  - for - PO 4 ), a contraction 

of the  a  - axis dimension compared to carbonate - free apatites  [7,21,57,59,64,81,126] .  
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    Figure 2.4.     IR spectra of synthetic carbonate apatite, Type B (C) and Type A (B) compared to 

that of biologic apatite, enamel apatite (C). The spectra of Type B carbonate apatite, CO 3  - for -

 PO 4  coupled with Na - for - Ca (A) is more similar to that of biologic apatite (C)  [21,57,59,64,83] .  
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larger crystals (similar to tooth enamel apatite) are obtained by precipitation or 
hydrolysis method at 80 to 95    ° C  [57,59,64] . Larger size crystals are obtained by 
hydrothermal reactions (Figure  2.5 )  [41] . Single crystals of carbonate apatite with 
one or both type of CO 3  substitution are obtained from high pressure solution 
growth methods, typically, hydrothermal and fl ux methods (Table  2.4 ).   

 Solubility of the apatite increases as the amount of carbonate in the apatite 
increases regardless of the type of substitution: Type A  [40]  or Type B  [73] . In-
corporation of one   CO3

2−  per unit cell in hydroxyapatite by the CO 3  - for - OH 
substitution increased the solubility product by 10 15.9   [40] . 

 X - ray structure analysis using fl ux - grown carbonate apatite single crystals 
revealed that planar CO 3  in CO 3  - for - PO 4  substitution are located close to the 
sloping oxygen triangle consisting of the O(1), O(2) and O(3) of the PO 4  group in 
hydroxyapatite  [25,26]  confi rming earlier inferences from polarized IR study  [22] . 
The sloping angle that is defi ned by the angle between the normal to the CO 3  
plane and the  c  - axis varied depending on the Na - substitution of adjacent Ca site. 
Planar CO 3  groups in CO 3  - for - OH substitution are located at the height nearly 
the same as that of Ca (I) ( z    =   0, 1/2) or hydroxyapatite with the CO 3  plane being 
parallel  [115]  or nearly parallel (canting less than 12    ° ) to the  c  - axis [Ito - 16,17]. 



FUNDAMENTALS OF HYDROXYAPATITE 31

 However, lateral position and direction of the CO 3  triangle are three - 
differently reported: 

  (i)       the C atom and one of the three O atoms are located on the  c  - axis, thus 
bisector of CO 3  plane coincides with the  c  - axis  [115] ;  

  (ii)      the two of the three 0 atoms are located near the  c  - axis, thus bisector of 
CO 3  triangle is nearly normal to the  c  - axis [Ito 15 – 17];  

  (iii)      bisector of CO 3  triangle is nearly parallel to the  c  - axis but the CO 3  tri-
angle rotated about the horizontal axis so that the apical oxygen atom is 
displaced slightly off the  c  - axis  [24] .    

    Figure 2.5.     (a) TEM micrographs showing the effect of carbonate incorporation on the crystal 

size and morphology of apatite. Apatites prepared by hydrolysis method containing (in wt % 

CO 3 ): 0.5 (A) 2.5 (B) 12.5 (C) and 17.2 (D)  [81,82] . (b) Single crystals of carbonate apatite crystals 

obtained by hydrothermal reaction  [41] .  

(a)

(b)
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 The type (i) and (ii) carbonate confi guration are associated with the conven-
tional type A infrared carbonate absorption bands at 1451 and 1540   cm  − 1 , while 
the type (iii) confi guration is associated with carbonate absorption bands at 1506 
and 1571   cm  − 1  (Figure  2.4 )  [22,24,57,83] . The type (iii) confi guration is a high - 
pressure feature. On the other hand, Rietvelt X - ray structure analysis using 
hydrothermally synthetic carbonate apatite powders indicated that CO 3  planes 
are parallel to the  c  - axis in CO 3  - for - PO 4  substitution  [44] .  

    Figure 2.6.     X - ray diffraction profi les of apatites prepared at 95    ° C (6a) and 37    ° C (6b) with in-

creasing ion concentrations in solution and in the apatite. With apatites prepared at 95    ° C (a), 

increasing carbonate, broadening of x - ray diffraction peaks indicate decrease in crystallite size 

and shift in diffraction peaks indicate changes in lattice parameters caused by CO 3  incorpora-

tion in the apatite. At 37    ° C, high carbonate concentration promotes the formation of carbon-

ate containing amorphous calcium phosphate, ACP, shown by the absence of diffraction peaks 

and lack of resolution in the phosphate band (6bD)  [55,59,87,126] .  
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  2.3.2.3   Simultaneous Incorporation of Carbonate and Fluoride.     Min-
eral (staffellite, marine phosphorites), and biologic apatites (from fossil bones 
and teeth, some fi sh enameloids and special shells contain both F  −   and   CO3

2− 
ions  [17,57,59,72,86] . Simultaneous incorporation of carbonate (CO 3  - for - PO 4 ) 
and fl uoride (F - for - OH) in synthetic apatites is obtained by precipitation or hy-
drolysis methods  [64] . The contributions of these ions to the lattice parameters 
and dissolution property of F - and CO 3  - containing apatite (CFA) are additive. 
Thus, the  a  - axis of CFA is much shorter than that of CHA since the incorpora-
tion of either   CO3

2−  and F  −   ions causes contraction of the  a  - axis and CFA is less 

    Figure 2.7.     TEM micrographs of cow bone apatite (7A) compared to carbonate apatite 

precipitated at 37    ° C (7B).  

(a)

(b)
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soluble than CHA because of the stabilizing effect of F  −   ions but more soluble than 
FA because of the de - stabilizing effect of   CO3

2−  in CFA  [73] . In addition the 
crystallite size of CFA (from precipitation or hydrolysis preparation) is larger 
than that of CHA but smaller than that of FA since CO 3  incorporation causes 
the growth of smaller apatite crystals while F incorporation causes the growth of 
larger crystals. 

 Indirect methods of preparing CFA are by suspension of CHA in F - 
containing solutions and heating the F - treated CHA at 700    ° C  [114] ; treatment 
of bovine bone in F - solutions and heating at temperatures 600    ° C or above 
 [28] , hydrolysis of calcium carbonate, CaCO 3 . (calcite or aragonite forms) in F - 
containing solutions, hydrolysis of CaF 2  in CO 3  - containing solutions, hydrolysis 
of non - apatitic calcium phosphates (e.g., DCPD, DCPA, OCP,  α  - TCP,  β  - TCP, 
or calcium monophosphate, CaH 4 (PO 4 ) 2 .H 2 O) in solutions containing both F 
and CO 3  ions  [64,78] . In these cases, the effi cacy of conversion of the calcium 
phosphate, calcium carbonate or calcium fl uoride depends on reaction pH and 
temperature  [78] .  

  2.3.2.4   Incorporation of Cations Substituting for Calcium Ions.     Sev-
eral cations can substitute for the calcium (Ca) ions in the apatite structure, 
Ca 10 (PO 4 ) 6 (OH) 2 . For example, strontium (Sr), barium (Ba) and lead (Pb) can 
completely substitute for the Ca 2+  ions to yield Sr 10 (PO 4 ) 6 (OH) 2 , Ba 10 (PO 4 ) 6 (OH) 2  
or Pb 10 (PO 4 ) 6 (OH) 2 , respectively  [27,57,64,80,91] . Because Sr 2+ , Ba 2+  and Pb 2+  
have larger ionic radii compared to Ca 2+ , such substitutions result in expanded  a  -  
and  c  - axes compared to unsubstituted calcium hydroxyapatite (Table  2.2 ). Colors 
(purple, blue, green, pink, brown, etc.) of mineral or synthetic apatites are caused 
by incorporation of small amounts of some cations such as manganese (Mn 2+ ), 
copper (Cu + , Cu 2+ ), cobalt iron (Fe, Fe)  [91,125] . Limited incorporation of 
sodium (Na + ) ions Na - for Ca can be obtained when precipitation or hydrolysis or 
hydrothermal reactions are performed in the presence of Na - containing solution 
 [26,91,125] . Because of the similarity in ionic radius between Na +  and Ca 2+ , no 
signifi cant effect on lattice parameters are observed. 

 Mg, a minor but important constituent in biologic apatites, is incorporated 
only to a very limited extent in synthetic apatites obtained by precipitation or 
hydrolysis methods  [57,59,60,64,77,89] . Limited amount of zinc (Zn) can be incor-
porated in the apatite  [64,76] . 

 Incorporation of Sr 2+  or Mg 2+  in apatite increases its solubility  [64,80,89] . 
Simultaneous incorporation of Mg and CO 3  in apatite has additive effects in 
decreasing crystal size and increasing the extent of dissolution in acidic buffer 
 [89,103] .  

  2.3.2.5   Incorporation of Anions Substituting for the Phosphate 
Ions.     Besides the CO 3  - for - PO 4  substitution discussed above, other anions can 
substitute for the PO 4  ions in the apatite structure. These anions include sulfate, 
manganate, borate, silicate, etc.  [31,64,91] . Like any other substitutions in the 
apatite structure, these substitutions will affect the properties of the apatite.    
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  2.4   RELATED CALCIUM PHOSPHATES 

 Apatites and other calcium phosphates that occur in biologic systems are listed in 
Table  2.1 . The crystallographic properties of synthetic calcium phosphate are 
summarized in Table  2.5 . In biologic or synthetic systems, non - apatitic calcium 
phosphates (e.g., ACP, DCPD, DCPA, OCP,  β  - TCP) can transform to apatites and 
substituted apatites or to other calcium phosphates by dissolution - precipitation 
processes as represented in Figure  2.8   [64] .     

 Non - apatitic calcium phosphates are found in pathologic calcifi cations but 
not in normal mineralized tissues (mineral phases of teeth and bones). Non - 
apatitic calcium phosphates, except tricalcium phosphate (TCP) and tetracalcium 
phosphate (TTCP), can be prepared directly by precipitation or in gel systems 
(Figure  2.9 ) or indirectly by hydrolysis methods  [64,69] . From solutions of similar 
Ca/P molar ratios, different types of calcium phosphates are obtained depending 
on the solution pH, temperature and composition  [57,64] . In the presence of F  −   
ions, apatite can form even from solutions with low pH. (e.g., pH 4 at 95    ° C).   

 The different types of calcium phosphates are characterized by their Ca/P 
molar ratios (Table  2.5 ), their characteristic morphology and dissolution proper-
ties (Figure  2.10 )  [22,64,66]  However, the morphology and crystal size can be 
affected by other ions present in solution (Figure  2.9 ). For example, the usual 
platy morphology of DCPD appears as smaller thick rods in the presence of 
  P O2 7

4− ions  [64,69] ; OCP can assume a platy or ribbon - like morphology  [61,64] .   
 The different types of calcium phosphates also differ in their solubilities 

(Figure  2.10 ) decreasing in the order:

   ACP DCPD OCP -TCP CDA HA> > > > >β .   

  2.4.1   Amorphous Calcium Phosphates (ACP) 

 ACP can be represented by the formula, (Ca, X) x (PO 4 , Y) y .H 2 O, where X   =   Mg 2+ , 
Zn 2+ , Sn 2+  or Al 3+  ions;   Y CO= −

3
2 , or   P O2 7

4− ions  [57,59,64,76,77,90,91] . Depending 
on the composition, the Ca/P molar ratio can range from 1.3 to 2.5. At room tem-
perature or 37    ° C, ACP can form under any of the following solution (containing 
Ca 2+  and   PO4

3− ions) conditions: high pH (pH .10), high CO 3 /P molar ratios, Mg/
Ca molar ratio greater than 0.4, Zn/Ca molar ratio greater than 0.4, small concen-
trations of   P O2 7

4−, critical concentrations of Sn 2+ , Al 2+   [64,76,77,91] . ACP is charac-
terized by absence of diffraction peaks in x - ray diffraction profi les except for a 
broad peak with a maximum at about 30.40    °  2 θ  (e.g., shown in Figure  2.6 ). The 
FT - IR spectra of ACP shows lack of resolution of the PO 4  absorption bands. ACP 
compounds are represented by hollow spheres in transmission electron 
micrographs  [64,90] . Ions that promote formation of ACP can act synergistically, 
e.g.,   Mg CO2

3
2+ −+  or   + −P O2 7

4   [64,90] . ACP incorporating other ions besides calcium 
and phosphate ions remain stable even after heating at 400    ° C  [64,90] . Stability of 
ACP in solution depends on the ACP composition or solution composition  [64,90] .  
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 TABLE 2.5.     Crystallographic Properties of Synthetic Calcium Phosphates 

   Calcium Phosphates     Molecular formula     Crystal habit  
   Space 
group  

   Ca/P molar 
ratio  

   * Monocalcium phosphate 
Monohydrate, MCPM  

  Ca(H 2 PO 4 ) 2 .H 2 O    triclinic 
 a   =   5.626 A 
 b   =   11.889 
 c   =   6.4728  

      0.5  

  Dicalcium phosphate 
dihydrate DCPD or 
brushite  

  CaHPO 4 .2H 2 O    monoclinic 
 a   =   5.182 A 
 b   =   15.18 
 c   =   6.239 
 B   =   116.25    °   

  C2/c    1.0  

   * Dicalcium phosphate 
anhydrous Monetite  

  CaHPO 4     triclinic 
 a   =   6.91 A 
 b   =   6.63 
 c   =   6.99  

  PI    1.0  

  Octacalcium phosphate, 
OCP  

  Ca 8 H 2 (PO 4 ) 6 .5H 2 O    triclinic 
 a   =   19.87 A 
 b   =   9.63 
 c   =   6.87  

  PI    1.33  

   * Tricalcium phosphate, 
 β  - TCP Whitlockite  

  Ca 3 (PO 4 ) 2     hexagonal 
 a   =   10.428 A 
 c   =   37.378  

  R3c    1.50  

    *  *  Tricalcium phosphate, 
 β  - TCMP Mg - substituted  

  (Ca,Mg) 3 (PO 4 ) 2     hexagonal 
 a   =   10.32 A 
 c   =   37.00  

  R3c    1.50  

   * Tetracalcium phosphate, 
TTCP  

  Ca 4 (PO 4 ) 2 O    monoclinic 
 a   =   7.023 A 
 b   =   11.986 
 c   =   9.473  

  P2 1     2.0  

   * Hydroxyapatite, HA    Ca 10 (PO 4 ) 6 (OH) 2     hexagonal 
 a   =   9.422 A 
 c   =   6.880  

  P6 3 /m    1.67  

   * Fluoroapatite, FA    Ca 10 (PO 4 ) 6 (F) 2     hexagonal 
 a   =   9.377 A 
 c   =   6.880  

  P6 3 /m    1.67  

    * Chloroapatite, ClA     Ca 10 (PO 4 ) 6 (Cl) 2      monoclinic 
 a   =   9.632 A 
 c   =   7.00  

   C2/c     1.67  

     [22,64] .  * Does not occur in biologic systems.      *  * (Ca+Mg)/P.     [22,64] . 

  2.4.2   Dicalcium Phosphate Dihydrate (DCPD) 

 DCPD also referred to as brushite is represented by the formula CaHPO 4 .2H 2 O. 
It can be prepared by precipitation at 25 – 60    ° C at pH 4 to 6 or from gel systems 
(Figure  2.9 )  [64,69] . DCPD, but not DCPA (dicalcium phosphate anhydrous, 
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    Figure 2.8.     Schematic presentation of the transformation of one type of calcium phosphate 

to another  [59,64] .  

OCP

Ca8H2(PO4)6·5H2O

‘OH–Ap.’

(Ca,Na,M)10(PO4,CO3,HPO4)6(OH,F,Cl)2
DCPD

CaHPO4·2H2O

b-TCP

(Ca,Mg)9(PO4)6

ACP
amorphous Ca-P

w/. co2–
3

w/. Mg2+ and/or P2O4–
7

1 1

1

3

32

2

4

2

4

1

    Figure 2.9.     Crystal growth of calcium phosphates in gel system. (silica gel incorporating 

phosphate ions, calcium ions diffusing into the gel), 37    ° C, solution Ca/P molar ratio, 1/1. 

(1) pH 6.5, OCP (O) spheres grew on the top layer and DCPD platy crystals grew on the 

bottom layer of the gel ’  (2) same pH but in the presence of   P O2 7
4− ions, OCP growth was 

inhibited, DCPD crystal size reduced and change in shape observed; (3) in the presence of F  −   

ions, growth of OCP and DCPD were suppressed, growth of (F,OH) - apatite needle - like crystals 

was promoted  [59,64,69] .  
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CaHPO 4 ), occur in biologic systems (Table  2.1 ). Both DCPD and DCPA are used 
in the preparation of apatites (calcium defi cient apatites, CDA) or substituted 
apatites or substituted beta - tricalcium phosphate (e.g., Mg - TCP or Zn - TCP) in 
the presence of the appropriate ions in solution during the hydrolysis of DCPD 
or DCPA.  

  2.4.3   Octacalcium Phosphate (OCP) 

 OCP is structurally similar to apatite and has been speculated to be precursors to 
biologic apatite  [10] . OCP is formed by hydrolysis of DCPD or directly by pre-
cipitation, or in gel systems  [61,64] . It can also be formed by electrochemical 
deposition on metallic substrate  [56,94] . OCP can transform to carbonate apatite 
in the presence of   CO3

2− ions, to F - apatite in the presence of F  −   ions.  

  2.4.4   Tricalciumphosphate ( a  - TCP,  b  - TCP) 

 Pure beta tricalcium phosphate,  β  - Ca 3 (PO 4 ) 2  ( β  - TCP), cannot be obtained from 
synthetic aqueous systems and it is therefore not surprising that it does not occur 

    Figure 2.10.     Comparative dissolution of different calcium phosphates in acidic buffer.  [64] . 

The calcium phosphates were prepared by precipitation. (A) Mg - substituted tricalcium phos-

phate,  β  - TCMP; (B) CHA; (C) Mg - substituted CHA; (D) OCP; (E) DCPD.  
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in biologic systems. Pure  β  - TCP can only be prepared by solid state reactions or 
by sintering calcium - defi cient apatite (Ca/P molar ratio, about 1.5) at tempera-
tures 800    ° C and above. 

 The presence of Mg 2=  ions in solution allows the formation of biologic and 
synthetic Mg - substituted tricalcium phosphate ( β  - TCMP or Mg - TCP)  [57,64,77,
113] . Other ions that allows the formation of substituted TCP from solution in-
cludes: zinc, nickel, cobalt  [91] .  β  - TCMP can form at low or high pH (pH 5 or 9) 
and temperatures 25    ° C to 95    ° C. Larger crystals are favored at low pH  [64,71] . 

  β  - TCMP or Mg - TCP heated at the same temperature as that used in the 
preparation of unsubstituted  β  - TCP is less soluble than the pure  β  - TCP  [38,64,71] . 

 Zn - substituted TCP (Zn - TCP) is less soluble than Zn - free TCP  [42] .  

  2.4.5   Tetracalcium Phosphates (TTCP) 

 TTCP is prepared by solid state reactions (e.g., CaHPO 4    +   CaCO 3 ) at high 
temperatures. TTCP is very reactive and can rapidly convert to apatite in a wet 
atmosphere.   

  2.5   BIOLOGIC APATITES AND RELATED CALCIUM PHOSPHATES 

 Biologic apatites (mineral phases of calcifi ed tissues), idealized as calcium hy-
droxyapatite, Ca 10 (PO 4 ) 6 (OH) 2   [50] , are associated with minor but important 
components such as CO 3  and Mg and are more accurately described as carbonate 
apatite with Type B carbonate substitution (CO 3  - for - PO 4  coupled with Na - for -
 Ca)  [57,59,64,107] . Biologic apatites differ from synthetic ceramic HA used as 
bone graft materials in composition, in crystal size (Figure  2.13 ), in lattice param-
eters (Table  2.2 ) and in dissolution properties  [6,59,64] . The larger  a  - axis dimen-
sion of human enamel apatite compared to pure HA was fi rst believed to be due 
to the CO 3  - for - OH substitution  [21] . However, since it has been demonstrated 
that carbonate substitution in biologic apatite, like human enamel apatite, is pre-
dominantly CO 3  - for - PO 4  coupled with Na - for - Ca substitution  [57,59] , the larger 
 a  - axis of human enamel compared to pure HA may be attributed to other types 
of substitution, such as HPO 4  - for - PO 4 , partial Cl - for - OH, or partial substitution 
for Ca of larger cations (e.g., Sr 2+ )  [57,59,64] . 

 Biologic apatites differ in crystallite size (enamel    >>    dentin or bone) and also 
differ in the concentrations of Mg 2+  and   CO3

2− ions (bone    >    dentin    >>    enamel) 
 [6,57,59,64,89] . In synthetic systems, presence of Mg 2+  or   CO3

2− ions causes the 
formation of smaller and more soluble crystals and when simultaneously, present, 
exert a synergistic effect on the properties of the apatite crystals  [57,59,64,
73,89,92,103] . The larger size and lower solubility of enamel apatite compared to 
either dentin or bone apatite may be attributed to the difference in their composi-
tion  [57,59,64] . Biologic apatites are usually calcium defi cient (Ca/P molar ratio 
 < 1.67). Upon ignition at 700    ° C and above, Mg - TCP and HA are obtained 
 [57,59,64] . 
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 While only one type (i.e., CHA or CFA) of calcium phosphate is present 
in normal calcifi cations (enamel, dentin, cementum, bone), different types of 
calcium phosphates co - exist in some pathologic calcifi cations or diseased states 
as shown in Table  2.1   [57,59,64] . For example, in dental calculus, simultaneous 
presence of DCPD, OCP, Mg -  β TCP and CHA have been observed  [59,64,112] .  

  2.6   CALCIUM PHOSPHATE - BASED BIOMATERIALS 

 The fi rst successful application of a calcium phosphate reagent for bone repair 
was reported in 1920  [1] . It was not until more than 50 years later that calcium 
phosphate materials were developed for medical and dental applications  [2,18,46] . 
Commercial calcium phosphate ceramics used currently as biomaterials for 
bone repair, augmentation, substitution include: HA, calcium - defi cient apatite 
(CDA),  β  - TCP, BCP (intimate mixture of HA and  β  - TCP of varying HA/ β  - TCP 
ratios), listed in Table  2.6   [2,12,15,18,46,62,64,70,75,84] . Commercial HA is either 
of biologic (e.g., coral, bovine bone, marine algae) or synthetic origin  [16,35,
62,64,120] .   

 HA ceramic (used as biomaterials) and biologic apatite (e.g., bone mineral) 
differ in the following properties (Figure  2.11 )  [6,64] : (a) crystal size, (b) composi-
tion, and (c) solubility. HA and biologic apatite also differs in their manner of 
dissolution: biologic apatite shows preferential dissolution of the core, while HA 
has non - preferential dissolution  [14] .   

 HA bioceramics (commercial) are usually prepared by preparation at high 
pH (e.g., pH 10) then sintering between 950    ° C and 1100    ° C  [18,46,64] . 

 TABLE 2.6.     Clinical Applications of Commercial Calcium Phosphate ( C  a  P ) Biomaterials 

   CaP Biomaterials     Applications     Ref  

  HA (ceramic, bovine - bone 
derived, coral derived)  

  bone graft substitute, sinus 
grafting, periodontal defects, 
bone augmentation, orthopedic, 
scaffold, drug delivery  

   [2,15,16, 18,20,23,
35,46,54,62,64,70,
75,120]   

  HA (ceramic)    abrasive, source for plasma -
 sprayed coating on orthopedic 
and dental implants  

   [18,30,37,46,55]   

   β  - TCP    bone graft substitute, fractures, 
spinal fusion, dental, orthopedic  

   [62,64,75]   

  BCP (HA   +    β  - TCP)    spine fusion, revision surgery, 
fractures, bone graft substitute, 
trauma surgery, opthalmic 
implant, scaffold  

   [12,75 96,119]   

  HA/polyethylene, BCP/silicon    middle ear prostheses     [8,75]   
   Calcium phosphate cement, 
CPC  

   bone fi ller bone tumor, bone cyst, 
periodontal defects, fracture  

    [101]   
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 HA is also used as a source material for depositing coating on commercial 
orthopedic and dental implants by plasma - spray method  [30,82]  and as an alter-
native abrasive material for implant surface modifi cation  [37,55] . Composite bio-
materials made with calcium phosphates include polyethylene/HA, silicon/BCP, 
and collagen/CHA  [8,43,75,93] . 

    Figure 2.11.     Comparative x - ray diffraction profi le (11A) and FT - IR spectra (11B) of ceramic 

HA and bovine bone showing difference in crystal size (HA    >>>    bone) and in composition (B), 

primarily in the presence of CO 3  in bone apatite (11B).  
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 Carbonate substituted apatites for use as bone substitute material has 
been prepared from biologic materials. For example, commercial coralline HA 
(Prosteon ®     <    Interpore Co, Irvine, California) is prepared by the hydrothermal 
conversion of coral,  Porites  (CaCO 3  in aragonite form) in the presence of 
ammonium phosphate  [15,35,110] . Bovine bone - derived commercial products 
are prepared by special treatment of bovine bone such as removal of organic 
phase without sintering (BioOss ® , Geitslich, Switzerland) or by special treatment 
including sintering at 900    ° C or above (Endobon ® , Darmstad, Germany)  [16] . 
Experimental CHA for bone repair were prepared by hydrolysis method  [111]  
and by hydrothermal conversion. Carbonate apatite (CHA) blocks can be pre-
pared by the hydrothermal conversion of calcite or gypsum blocks in the presence 
of (NH 4 ) 2 HPO 4  or Na 2 HPO 4   [117,118]  or hydrothermal conversion of  α  - TCP in 
the presence of carbonate - containing solutions  [121] . Conversion of calcite block 
to carbonate apatite block is time dependent (Figure  2.12 ) and also dependent on 
the concentration of the phosphate solution.   

 Commercial calcium phosphate cements consist of a powder and liquid 
component. The powder component is usually a mixture of two or more kinds 
of calcium phosphates (e.g.,  α  - TCP, TTCP, DCPD, ACP) that when mixed with 
the liquid component sets into a product consisting of CDA, CHA or DCPD 
 [11,48,51,74,101] . 

 Experimental calcium phosphates recommended as biomaterials or as coat-
ings on implants include: CHA, CFA, OCP, Mg - TCP, Zn - TCP, calcium phosphate 
glass, etc  [4,39,68,71,99,111] . 

    Figure 2.12.     Transformation of calcite to carbonate apatite by hydrothermal conversion of 

calcite in the presence of 1   mol/L Na 2 HPO 4 , 60    ° C. The amount of calcite decreased while the 

amount of carbonate apatite increased with time.  
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 Composites consisting of polymer and HA, BCP and other calcium phos-
phates are also being used as scaffolds for bone regeneration by tissue engineer-
ing  [96,119] . The polymers used are either natural (e.g., collagen, chitosan) or 
synthetic (e.g., PLA, PLGA). 

 Reactivity of apatites and related calcium phosphates considered as potential 
candidates for biomaterials are usually evaluated  in vitro  by the cell response. 
Different substitutions in the apatite elicit different cell responses  [29,36,122,123] . 
For example, osteoclasts (bone - resorbing cells) were shown to have greater activ-
ity (greater number and larger resorption pits) on carbonate - substituted apatites 
compared to F - substituted apatites, as shown in Figure  2.13   [29] . Osteoblasts 
(bone - forming cells) were shown to have greater activity on F - containing apatites 
compared to F - free apatites,  in vitro   [28,36] .   

  In vivo , the amount of bone formation or type of bone (lamellar or woven) 
also depends on the composition  [111] . Figure  2.14  shows histological pictures of 
similar size granules of carbonate apatite and HA implanted in bone defect in rat 
cranium after 12 weeks. The size of the HA granule was not changed signifi cantly, 
while the size of the CHA granule was greatly reduced. In addition, greater 
amount of new bone surrounded the CHA granule compared to that around HA 
granule.   

 The properties of calcium phosphate based biomaterials that make them 
superior materials include: similarity in composition to the bone mineral, 
bioactivity, and osteoconductivity  [65] . Bioactivity is the ability to directly bond 
with bone thus forming a uniquely strong interface  [104] .  In vitro,  bioactivity is 
usually determined by the formation of carbonate apatite on the material surface 
after immersion in  “ simulated biologic fl uid ”  (SBF) with electrolyte composition 

    Figure 2.13.     SEM images showing the osteoclastic resorption of HAP, CHA and CFA showing 

that apatite containing F (CFA) had the least number and smallest size of osteoclastic resorp-

tion pits.  
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similar to that of serum  [54] .  In vivo , bioactivity is characterized by the formation 
of carbonate apatite on the surface of the material resulting from the partial 
dissolution of the calcium phosphate ceramic (Figure  2.15 ), reacting with the elec-
trolytes in the biological fl uid and forming carbonate apatite similar to bone apa-
tite  [33,67,88] . Osteoconductive property is the ability of the calcium phosphate 
material to act as a template guiding the growth of the new bone (Figure  2.14 ). 
Appropriate geometry and combination of interconnecting macroporosity and 
microporosity, apatite (Figure  2.16 ) can impart osteoinductive (ability to induce 
 de novo  bone formation) properties  [53] . However, the exact geometry and 
appropriate combination of macro -  and microporosities are yet to be established.   

    Figure 2.14.     Histological micrographs showing carbonate apatite granule (A) and sintered 

hydroxyapatite (HAP) granule (B) 12 weeks after implantation in rat calvaria (toluidine blue 

staining). Bar   =   100    μ m. C: carbonate apatite; H: sintered HAP; nb: new bone; pb: parietal 

bone. The sizes of the carbonate apatite and HAP granules before implantation were similar. 

(See color insert.)  

(a) (b)

    Figure 2.15.      In vivo  transformation of calcium phosphate ceramic (H) to carbonate apatite 

nanocrystals (c) similar to bone apatite  [64,67,88] .  
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 Medical and dental applications of calcium phosphate biomaterials include: 
repair of bone defects, bone fracture repair, alveolar ridge augmentation, ear im-
plants, spine fusion, etc. (Table  2.6 ) HA has been demonstrated to be an effi cient 
carrier for bone growth factors  [53]  or for drug delivery  [23] . More recently, 
synthetic bone mineral was demonstrated to prevent bone loss induced either by 
mineral defi ciency or estrogen defi ciency in rats  [85,105] .  
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    Figure 2.16.     SEM images showing macroporosity (A) and microporosity (B) in sintered cow 
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 Abbreviations 
 AS :  Artifi cial Saliva 
 BCP :  Biphasic Calcium Phosphate 
 BG :  Bio Glass 
 BMO :  Bone Marrow Cells 
 CaP :  Calcium Phosphate 
 CF :  Carbon Fiber 
 CP :  Commercially Pure 
 CT :  Computer Tomography 
 CTE :  Coeffi cient of Thermal Expansion 
 DLC :  Diamond Like Carbon 
 DLF :  Direct Laser Forming 
 DSC :  Differential Scanning Calorimetry 
 EDS :  Energy Dispersive Spectroscopy 
 EVA :  Ethyl Vinyl Alcohol 
 FGM :  Functionally Graded Materials 
 FHA :  Flurohydroxyapatite 
 FSZ :  Fully Stabilized Zirconia 
 HAp :  Hydroxyapatite 
 HDPE :  High Density Polyethylene 
 HIP :  Hot Isostatic Pressing 
 KF :  Kevler Fiber 
 MRI :  Magnetic Resonance Imaging 
 MW :  Microwave 
 OCP :  Octa Calcium Phosphate 
 PDMS :  Poly Di - methyl Sulphonate 
 PE :  Polyethylene 
 PEEK :  Polyethylene Ether Ketone 

 PEMF :  Pulse electromagnetic fi elds 
 PET :  Polyethylenetelephthalate 
 PLA :  Poly Lactic Acid 
 PLLA :  Poly - L - Lactide Acid 
 PLDA :  Polylactideglycolide Acid 
 PMMA :  Polymethylmethacrylate 
 PS :  Poly Sialane 
 PSZ :  Partially stabilized Zirconia 
 PTFE :  Ploy tetrafl uro ethylene 
 PU :  Poly Urethane 
 SBF :  Simulated Body Fluid 
 SEM :  Scanning Electron Microscopy 
 SPS :  Spark Plasma Sintering 
 SR :  Silicone Rubber 
 SS :  Stainless Steel 
 TCP :  Tricalcium Phosphate 
 TEM :  Transmission Electron Microscopy 
 THR :  Total Hip Replacement 
 TTCP :  Tetracalcium Phosphate 
 UHMWPE :  Ultra High Molecular Weight 

Polyethylene 
 XRD :  X - Ray Diffraction 
 Y - TZP :  Yttria doped Tetragonal Zirconia 

Polycrystal 
 ZCP :  Zero Current Potential 
 ZTA :  Zirconia Toughened Alumina 

  3.1   OVERVIEW 

 This chapter reviews various materials and their properties that are relevant in 
biomedical applications, such as hard tissue replacement. A major emphasize has 
been placed on presenting various design aspects, in terms of materials processing 
of ceramics and polymer based biocomposites. Among the bioceramic compos-
ites, the research results obtained with hydroxyapatite (HAp) - based biomaterials 
with metallic (Ti) or ceramic (Mullite) reinforcements as well as SiO 2  - MgO -
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 Al 2 O 3  - K 2 O - B 2 O 3  - F glass ceramics and stabilized ZrO 2  based bioinert ceramics 
are summarized. The physical as well as tribological properties of polyethylene 
(PE) based hybrid biocomposites are discussed to illustrate the concept of how 
physical/wear properties can be enhanced along with biocompatibility due to 
combined addition of bioinert and bioactive ceramic to a bioinert polymeric 
matrix. The tribological and corrosion properties of some important orthopedic 
metallic alloys based on Ti or Co - Cr - Mo are also illustrated. Finally, a summary 
presents the future perspective on orthopedic biomaterials development and 
some unresolved issues.  

  3.2   INTRODUCTION 

 The recent development in scientifi c understanding, particularly in the area of 
material science and biological science, has enabled an impressive progress in 
developing new biomaterials. In the last few decades, materials for biomedical 
applications have received greater attention in the scientifi c community, primar-
ily due to the fact that suitably designed biomaterials are capable of replacing, 
reconstructing and regenerating human and animal body tissues for long term 
use, without much toxic or infl ammation effects. In specifi c applications, such as 
hard tissue replacements, materials are being developed to maintain a balance 
between the mechanical properties of the replaced tissues and the biochemical 
effects of the material on the tissue. Both areas are of great importance as far as 
the clinical success of materials is concerned. However, in most (if not all) bio-
logical systems, a range of properties is required, such as biological activity, 
mechanical strength, chemical durability, and so on. Therefore, often a clinical 
need can only be fulfi lled by a designed material, which exhibits a complex com-
bination of properties. 

 Various examples of current usage of orthopedic biomaterials include joints 
(knee, hip, ankle, and so on), bone fi lling materials or bone spacers. The develop-
ment of new biomaterials not only extends toward monolithic bulk materials but 
also composites of different classes of materials along with coating. The major 
issues in the development of biocompatible coatings are the coating/bio interface 
adhesion as well as lifetime of coatings, being limited by factors like non - uniform 
coating thickness, delamination due to mismatching of co - effi cient of thermal 
expansion (CTE) and weak interface bonding between metal substrate and 
phosphate coatings 1 . Among different kinds of biomaterials, ceramics are used 
as bone - fi lling material and load - bearing components in various orthopedic joint 
replacements. To achieve better chemical resistance and mechanical strength, 
various composites, such as metal - ceramic, ceramic - polymer and ceramic - 
ceramic, are being developed. In designing composites, it is important to optimize 
composite composition as well as microstructure/phase assemblage for a specifi c 
tissue replacement application. Among various bioceramic materials, HAp, 
having similar mineral composition to bone and teeth, is widely studied for vari-
ous applications requiring good bioactive property 2 . Although HAp is a highly 



56 MATERIALS FOR ORTHOPEDIC APPLICATIONS

biocompatible and bioactive material, it has poor mechanical properties (see 
Table  3.1 ), which limit its load bearing applications as bulk monolithic material. 
To this end, hydroxyapatite could be used in combination with another metal/
ceramic phase, which can improve the mechanical properties of HAp without 
deteriorating its biocompatibility. The motivation for developing HAp - based 
composites stems from the requirement to fabricate materials with improved 
strength and toughness properties with the least amount of reaction phases. 
A popular application of HAp or in general, calcium phosphate (CaP) based 
bioceramics, includes coatings on orthopedic and dental implants of metals and 
their alloys 3,4 . All the above aspects are discussed in this chapter with the use 
of experimental results on HAp - Ti or HAp - mullite composites. Also discussed 
are the properties or performance of HAp coatings on metallic substrates (e.g., 
Co - Cr - Mo).   

 Among metals, titanium and its alloys have been extensively used as an im-
plant material in different medical applications for more than 30 years. This has 
been facilitated by their excellent mechanical properties and high corrosion resis-
tance 5 . One of the primary advantages, originally cited for the titanium implant, 
was its osseous integration 6  with the bone of the jaw. In recent years, however, this 
attachment has been more accurately described as a tight apposition or mechani-
cal fi t and not true bonding 7 . Besides discussion on Ti alloys, particularly their 
corrosion/wear properties, this chapter briefl y discusses the potential of some 
metals, like Mg in biomedical applications. 

 Among various biopolymers (High Density Polyethylene (HDPE), Poly 
Tetrafl uro Ethylene (PTFE), Polymethylmethacrylate (PMMA) etc.), are widely 
used in biomedical applications, because of its excellent biocompatible property 
along with better mouldability, availability as well as for its low cost 8 . In the last 
few decades, substantial research efforts were invested to develop bioactive com-
posites as bone analogue replacement by reinforcing bioinert high density poly-
ethylene matrix with bioactive HAp ceramic particulates. As mentioned earlier, 
the physical tribological and biocompatibility properties of HDPE - based bio-
composites will be discussed to a larger extent. While this chapter has attempted 
to cover various materials from the perspective of biomedical applications, the 

 TABLE 3.1.     Mechanical Properties of Bioactive Glass/Ceramic/Ceramic Composites 

   Materials  

   Strength (MPa)  
   Elastic modulus, 

E (GPa)  
   Fracture toughness, 

KIC (MPa m 1/2 )     Compressive     Bending  

  Bioglasss (45S5)     —     42    35     —   
  HAp    500 – 1000    115 – 200    80 – 110     < 1  
  20   vol% Y - TZP -
 HAp composite  

  700 – 800    180    160    1.5  

  20   vol% Al 2 O 3  -
 HAp composite  

  600 – 700    200    175    1.25  

   Glass - ceramic A - W     1080     220     118     2  

    [7,23,136] .   
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following aspects are not covered in any detailed manner: a) synthesis of 
hydroxyapatite powders, and b) processing of porous bioactive coatings or 
porous bulk biomaterials. 

 Section  3.2  emphasizes the chemistry and properties of natural hard tissues. 
In discussing different materials system and their applications, the discussion 
starts with hydroxyapatite based composite biomaterials. 

 Section  3.3  provides examples of different HAp based composites, which 
are well characterized and reported in the existing literature. In addition to the 
literature summary, the research results from the authors ’  group have been incor-
porated. In a subsection, different bioinert ceramics have been presented with 
examples from the literature. The experimental results from the authors ’  group 
on bioinert ceramics are also included and discussed elaborately. The next subsec-
tion describes the possibility of using glass - ceramic materials for orthopedic or 
dental applications along with authors ’  recent research results. In some specifi c 
implant applications, the importance of using bioinert material cannot be ignored. 

 Section  3.4  deals with polymeric biomaterials and their possible composites 
in combination with other materials. In sections  3.4.1  and  3.4.2 , the earlier works 
on polymer – polymer and polymer – ceramic composite materials are discussed. 

 Section  3.5  critically assesses various examples of metallic biomaterials, as 
well as the wear and corrosion properties of different metallic implants. 

 Section  3.6  deals with coating on metallic implants including their  in vivo  
functionality. 

 Finally, section  3.7  closes the chapter with an outlook on the present work 
and the future perspective.  

  3.3   STRUCTURE AND PROPERTIES OF HARD TISSUES 

 As mentioned in the previous section, the focus of this review is on hard tissue 
replacement materials and therefore, it is important, in the fi rst place, to discuss 
the structure and properties of the natural hard tissues, that is, bone and teeth. 
Based on its physical appearance, bone can be classifi ed as cancellous and cortical 
bones. Cancellous bone (also called trabecular or spongy bone) has porous struc-
ture and behaves like an isotropic material under mechanical loading. On the 
other hand, cortical bone has highly anisotropic microstructure, which leads to 
higher strength in the direction of the loading axis 9 . Table  3.2  summarizes the 
mechanical properties of bone and teeth.   

 Structurally, all hard tissues are formed from the four phases: collagen fi bers, 
Ca - P rich mineral, organic substances, and water. The relative fractions of each 
phase vary between bone types/teeth as well as on age/sex and anatomical loca-
tion within living body. Some related data for a typical cortical bone are included 
in Table  3.3 . In the case of teeth enamel, the mineral (HAp) content is as high as 
95%. For the same reason, enamel is the hardest material in the human body. 
Excluding organic mass and water, bone can be described as a natural nanocom-
posite, containing HAp nano - particles and collagen fi ber. The collagen fi bers pro-
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vide the framework and architecture of bone, with HAp particles located between 
the fi bers. The ground substance is formed from proteins, polysaccharides and 
mucopolysaccharides, which together act as cement. Except for these, the living 
portion, i.e., osteoblast, osteoclast and osteocytes, are present in the structure and 
such cells actually infl uence biological properties to a great extent. The detailed 
structure of a cortical bone is shown schematically in Figure  3.1 . At the nano 
level structure, HAp nanoparticles (20 – 40   nm) are shown to be adhered and dis-
persed in the collagen matrix. At top level structure hierarchy, the three dimen-
sional schematic of bone structure is also shown (Figure  3.1 ). It is quite evident 
that the synthetic materials cannot mimic such extremely complex structural hi-
erarchy of bone. However, they can provide the bone ’ s external properties to 

 TABLE 3.2.     Mechanical Properties of Different Hard Tissues of Human System 

   Tissues     Elastic modulus (GPa)     Tensile strength (MPa)  

  Cortical bone    17.7    133  
  Cancellous bone    0.30    15  
  Enamel    85    11.5 transverse, 42.2 parallel  
   Dentine     32.4     44.4  

    [137,138,139,140] .   

 TABLE 3.3.     Composition of Bone 

  Organic — Collagen Fibres (Type 1)    16%  
  Mineral — Hydroxyapatite [Hap -  Ca10(PO4)6(OH)2]    60%  
  Ground Substance    2%  
   Water     23%  

    [7] .   

    Figure 3.1.     Schematic representation of a bone structure, showing the complexity of bone 

structure.  (Reproduced from ref. 141 )   
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some extent. Another limitation of synthetic materials is that they can not repair 
themselves (wound healing) as living bone does.     

 Nevertheless, extensive efforts are still underway to develop and explore 
various material combinations in the attempt to develop biocompatible materials. 
The following sections present the structure and properties of Ca - P based 
materials.  

  3.4   PROCESSING AND PROPERTIES OF BIOCERAMICS AND 
BIOCERAMIC COMPOSITES 

  3.4.1   Calcium Phosphate Based Biomaterials 

 Calcium phosphate (CaP) - based ceramics offer great potential in many applica-
tions requiring bonding with the bone. The most popular bioactive calcium phos-
phate material is hydroxyapatite [with chemical composition of Ca 10 (PO 4 ) 6 (OH) 2 ], 
having similar mineral composition of bone and teeth. In Figure  3.2 , the stability 
region of HAp in CaO - P 2 O 5  - H 2 O ternary system has been shown. A number of 
compounds with varying Ca/P ratio, belonging to CaP family, are of relevance to 
biomedical applications. These include octacalcium phosphate (OCP, Ca/P   =   1.33), 
tricalcium phosphate (TCP, Ca/P   =   1.5), HAp (Ca/P   =   1.67) and tetracalcium 
phosphate (TTCP, Ca/P   =   2). TCP can also exist in two polymorphs:  α  - TCP and 
 β  - TCP. While TCP and HAp are the commonly reported phases in CaP - based 
materials,  in vitro  or  in vivo  formation of OCP or other phases are also reported 
to a limited extent 10,11 . Between these two,  α  - TCP formation is favored at high 

    Figure 3.2.     Ternary Phase diagram of CaO - P 2 O 5  - H 2 O ternary system showing the stability 

region of different CaP phases along with hydroxyapatite.  
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temperature. Also, Ca/P ratio of less than 1.0 is not biomedically important. It 
needs to be pointed out here that a number of literature reports has emphasized 
that nonstoichiometric HAp promotes better osteoconduction property 12 .   

 Various attempts have been made to experimentally assess the cytocompati-
bility of CaP - based materials. For example, Suzuki et al. 13  showed that serum pro-
tein adsorbed on the surface of TCP - HAp ceramics appears to be effective in 
preventing cell rupture by functioning as an intermediate layer that prevents 
direct contact between cells and the unstable surface of the materials. 

 Chen et al. 14  investigated the bone bonding mechanism of crystalline HAp 
 in vivo . It is reported that initially, a layer of amorphous HAp was formed on the 
HAp implant surface and a bone like apatite layer formed after three months, 
in between the implant and bone tissue. At a later stage (after six months), direct 
bone - HAp implant contact is established and collagen fi ber enters inside the im-
plant material. Therefore, the interface region shows good mechanical strength 
with the new bone apposition. 

 Xin et al. 15  compared the CaP formation behavior of few bioceramics 
 in vitro  (simulated body fl uid) and  in vivo . The investigated bioceramics include 
sintered porous solids, including bioglass, glass - ceramics, hydroxyapatite,  α  -
 tricalcium phosphate and  β  - tricalcium phosphate. The presence of octacalcium 
phosphate was observed on all types of bioceramic surfaces  in vitro  and  in vivo , 
except on  β  - TCP. They concluded that Ca - P formation on bioceramic surfaces is 
more diffi cult  in vivo  than  in vitro . 

 In an interesting study, Dong et al. 16  investigated the effect of low pressure 
during culture on the bone formation of osteoblast/porous hydroxyapatite com-
posite  in vivo . Scanning electron microscopy (SEM) observations (Figure  3.3 ) 

    Figure 3.3.     A) SEM images of cross - sections of osteoblast - HAp composites after two weeks 

of implantation. The pore surface is covered by round cells as well as collagenous extracellular 

matrix. E indicates collagenous extracellular matrix. Bar   =   37.5   mm. B) Higher magnifi cation of 

the large rectangular area in A. Round cells of active osteoblast, can be seen on the surface of 

HAp. Bar   =   5    μ m 16 .  
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indicate the formation of mineralized collagenous extracellular matrix as well as 
active osteoblast in HAp/BMO composite at two weeks after implantation. It was 
concluded that the application of low - pressure system to subculture of bone cells 
to porous HAp blocks is benefi cial to increase bone tissue formation  in vivo .   

 Gatti et al. 17  compared the bone in growth on implantation of HAp and TCP 
granules. They claimed that the TCP granules induce total bone growth after four 
months of implantation, whereas HAp granules crumbled and no new bone in-
duction was seen even 12 months after implantation. Such observation with HAp 
granules in the biological fl uid was attributed to the scant cohesive strength 
among the particles. 

 Blacik et al. 18  conducted the weight bearing study of porous HAp/TCP 
(60/40) ceramics, implanted as intramedullary fi xation in segmental bone defects 
in rabbit bone. They found that these ceramics are limited in their ability to treat 
load - bearing segmental bone defects, but no failure was observed at the early 
stages of implantation. However, additional internal fi xation should be used when 
immediate mobilization and load bearing is required. 

 Fini et al. 19  studied the effect of pulse electromagnetic fi elds (PEMF) on the 
osteointegration of hydroxyapatite implants in cancellous bone. They found that 
PEMFs enhanced early HAp osteointegration in the trabecular bone of healthy 
rabbits and were associated with a higher degree of bone mineralization and 
maturation, which was also maintained for six week and three week periods of 
non - stimulation. 

 It is known that microstructure plays an important role in mechanical proper-
ties, and therefore a study was conducted to assess such effect in the implanted 
material  in vivo . Okuda et al. 20  observed the effect of the microstructure of 
 β  - tricalcium phosphate on the metabolism of subsequently formed bone tissue. 
Comparing rod shaped and globular shaped particles, it was argued that rod 
shaped  β  - TCP possibly helped to stimulate osteoblastic activity. There have been 
some reports, mostly from the research group of Webster, that the presence of 
increased grain boundaries enhances osteoblast cell adhesion. However, the au-
thors ’  recent study on thermally etched surfaces of sintered HAp shows that L929 
fi broblast cells spread across the grains in a signifi cant manner (see Figure  3.4 ). 
Such aspect requires further study in this direction to confi rm the microstructural 
aspect on cell adhesion.   

 From the preceding discussion, it is clear that HAp is a highly biocompatible 
and bioactive material the dissociation of HAp to TCP has been a major process-
ing challenge. Nevertheless, an optimal presence of TCP, in particular 60   :   40 ratio 
of HAp   :   TCP is an ideal example of biphasic calcium phosphate (BCP) ceramics, 
which can exhibit good combination of controlled biodegradation and bioactivity. 
A subsequent chapter by Daculsi and co - workers introduces the concept of the 
development of BCP ceramics as well as their processing and properties. 

 Despite good biocompatibility property, pure HAp has very poor mechani-
cal properties (Table  3.1 ) and therefore cannot be used in load bearing applica-
tions. The use of HAp is limited by bone fi ller application, mostly as porous 
HAp block. Consequently, hydroxyapatite needs to be used in combination with 
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another material to develop bulk composite material with good mechanical prop-
erties (see Table  3.1 ) or used as a coating on biomaterial. Some examples are 
hydroxyapatite coating on metal 21,22 , alumina - hydroxyapatite composite 23,24 , zir-
conia hydroxyapatite 25,26  composite. In the last decade, researchers have attempt-
ed to develop biocomposites by combining bioactive HAp with bioinert ceramic 
phase, like Al 2 O 3  or ZrO 2 .  

  3.4.2   Hydroxyapatite - Ceramic Composites 

 Zirconia, irrespective of its morphology and phase composition, did not induce 
the decomposition of hydroxyapatite matrix in the hot pressed HAp – ZrO 2  
composites 27 . Improvements in toughness and strength achieved for HAp – ZrO 2  
composites were not accompanied by an increase in the Weibull modulus (an 
indicator of strength reliability for brittle ceramics). In a different study, HAp –
 Al 2 O 3  composites of functionally graded structure can be fabricated by the un-
derwater - shock compaction technique without the use of any sintering - aid 28 . The 
composite showed continuous compositional variation after heat treatment up to 
1200    ° C. Hill and Clifford observed that HAp   decomposes at 950    ° C 29  and accord-
ingly, sintering experiments were carried out using fl urohydroxyapatite (FHA), 
while replacing HAp. It was found that FHA has better thermal stability than 
HAp and it can be sintered at 1400    ° C 30  with 40% ZrO 2  without dissociation. Also, 
the biocompatibility of FHA is comparable with pure HAp. 

    Figure 3.4.     Mouse fi broblast (L929) cell adhesion on thermally etched hydroxyapatite surface 

showing no such difference in cell adhesion on grain and grain boundary region.  
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 Another study 31  revealed that HAp in HAp - ZrO 2  - Al 2 O 3  nano - composites 
formed biphasic calcium phosphate (BCP) when hot pressed at 1400    ° C. BCP is 
reported to have high biocompatibility. Recently, BCP ceramics have received 
increased attention as an ideal bone substitute due to its controlled degra-
dability 32 . Any composite that shows superior mechanical and physical properties 
and is also biodegradable would be the material of choice in near future. The lit-
erature report indicates that it is possible to alter HAp   :   TCP ratio to form BCP of 
desired properties 32 . In one of the earlier studies, it was observed that 10   wt% 
phosphate glass additions to HAp - composites leads to partial dissociation of 
HAp to TCP 33 . By varying the glass addition, the resorption of TCP can be con-
trolled. Suchanek and co - workers 34  developed HAp - HAp w  (whisker) composite, 
which was hot pressed at 1000 – 1100    ° C. Despite the use of whiskers as a toughen-
ing agent, the toughness of HAp - HAp w  (10% addition) could be increased to 
1.1   MPa   m 0.5  under optimal processing conditions. It is, however, possible that 
toughness could be further improved with increase in whisker addition, but such 
experiments are not conducted as yet. 

 The following discusses the processing - property results, obtained with sev-
eral CaP - based biocomposites. In the authors ’  recent investigation 35 , they synthe-
sized HAp - Mullite composite, which was densifi ed successfully by pressureless 
sintering and without any sintering additives. Detailed analysis revealed that dis-
sociation of HAp to TCP depends on sintering temperature as well as mullite 
content. Higher mullite containing ( > 20   wt%) samples are more prone towards 
dissociation.  β  and  α  - TCP are the main phases along with mullite for higher mull-
ite content samples. Both solid state and liquid phase sintering guided the den-
sifi cation mechanism towards dense, crack, pore free body. Limited reaction 
between Mullite and CaO produce grain boundary alumino - silicate phases. Mull-
ite grains grow anistropically (needle shaped) because of liquid phase sintering. 
The transmission electron microscopy (TEM) images in Figure  3.5 , show the pres-
ence of mullite needle in HAp/TCP matrix. X - ray diffraction (XRD) patterns of 
HAp - 30   wt% mullite and HAp - 10   wt% mullite, sintered at 1350    ° C along with 
ball - milled powder are shown in Figure  3.6 , which shows that HAp is predomi-
nantly present along with  α  - TCP in case HAp - 10   wt% mullite. In contrast, in case 
of 30   wt% mullite, the major phase is  β  - TCP. This newly developed material could 
be appropriate for bone replacement material.    

  3.4.3   Hydroxyapatite - Titanium Composites 

 Besides the development of HAp - based bioceramic composites, efforts have 
been put forward to fabricate a HAp - metal particulate composite with better 
mechanical properties. Wataria et al. 36  fabricated Ti/HAp functionally - graded 
materials (FGM) specimens using Spark Plasma Sintering (SPS). The optimiza-
tion of both mechanical and biological properties was also pursued. SPS pro-
cessed Ti/HAp FGM showed that the maturation of newly formed bone was 
preceded in the HAp - rich region. The gradient functions in the biochemical 
affi nity to osteogenesis and the mechanical properties with stress relaxation in 
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Ti/HAp FGM could attain the effi cient biocompatibility for implant. The study 
demonstrated that the tissue reaction changes gradiently in response to the gradi-
ent composition or structure of materials. This study thus implies the possibility to 
control the tissue response by functionally graded structure of biomaterials. 

    Figure 3.5.     (a) Low magnifi cation bright fi eld TEM image of HAp - 10   wt% mullite, sintered 

at 1350    ° C, showing typical mullite needle along with HAp phase. (b) Higher magnifi cation 

image, showing the presence of sintered product at the mullite – HAp interface 35 .  

(a) (b)

    Figure 3.6.     X - ray diffraction pattern of (a) ball milled powder of HAp - 30   wt% mullite com-

posite mixture, (b) HAp - 30   wt% mullite composite (sintered at 1350    ° C for 2   hrs in air) and 

(c) HAp - 10   wt% mullite composite (sintered at 1350    ° C for 2   hrs in air) 35 .  
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 Ning et al. 37  showed that the biocomposite, fabricated from HAp and Ti pow-
ders by powder metallurgy technique, has the ability to induce apatite nucleation 
and growth on its surface when immersed in SBF solution. Among all the crystal 
phases in the as - fabricated composite, Ti 2 O has the ability to induce apatite for-
mation. Furthermore, the dissolved CaO phase also provides favorable condi-
tions for the apatite nucleation and growth. 

 In a recent study on HAp - Ti system (sinter at 1200    ° C), the composite with 
a lower initial Ti content contains major crystalline phases of CaTiO 3 , CaO and 
Ti x P y . On increasing the initial Ti content to 50   vol%, Ti 2 O and residual  α  - Ti 
were also observed. Further increase in initial Ti content resulted in a compos-
ite with only  α  - Ti as main crystalline phase. TCP - TiO 2  biocomposites 38 , with 
a controlled  α :  β  - TCP ratio, can be obtained by varying the heat - treatment 
conditions. 

 In order to make a comprehensive study on processing - microstructure - 
physical and biological property correlationship, HAp - Ti composites are sintered 
at different temperature (1000 – 1400    ° C) in different atmospheres like argon, 
hydrogen and air 39 . The sintering reactions of air sintered samples were analyzed 
by thermodynamic consideration, which successfully describe the oxidation of 
Ti (TiO 2  formation), followed by dissociation of HAp and the formation of 
CaTiO 3 . The experimental results clearly reveal that sintering of various HAp - Ti 
compositions leads to TCP/HAp - TiO 2  microstructure with little traces of CaTiO 3  
and CaO in some of the sintered samples. The microstructural analysis indicated 
abnormal grain growth of monolithic HAp, when sintered at a temperature 
higher than 1200    ° C. 

 For various HAp - Ti compositions, the characteristic presence of a larger 
TiO 2  lump, surrounded by coarser TCP phase, is also recorded. In case of sam-
ples, sintered in argon atmosphere, HAp - 5   wt% Ti exhibits better results in  terms 
of densifi cation and mechanical properties. The hardness values were in the range 
of 4 – 6   GPa, which is better than air sintered samples (2 – 4   GPa). Also, in argon 
atmosphere, retention of Ti is possible along with undissociated HAp phase (up 
to 10   wt% Ti addition to HAp). In contrast, sintering in H 2  atmosphere could not 
prevent the oxidation of Ti and HAp dissociation. For example, HAp - 40   wt% Ti 
sample, sintered at 1400    ° C in H 2  atmosphere, contain only single phase CaTiO 3 . 
Even the densifi cation process was hindered by high temperature chemical reac-
tions and the formation of gaseous reaction products. 

 Cell culture experiments on air sintered samples using L929 fi broblast cells 
provide clear evidences of cell adhesion and cell proliferation on HAp - Ti com-
posites. The general observation has been that the cells are attached closely with 
neighboring cells, and thereby, form a cellular network (characteristic of fi bro-
blast type cells) on the composite surface (Figure  3.7 ). The observation of cellular 
bridges i.e., cell - cell interaction as well as fl attening of the cells indicate good cy-
tocompatibility property of the developed composite (see Figure  3.7 ). Important-
ly, the addition of bioinert Ti (up to 30   wt%) does not show any degradation in 
cell adhesion properties.    
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  3.4.4   Glass - Ceramics Based Biomaterials 

 Glass ceramics are the polycrystalline materials, which are formed during pro-
longed heat treatment of glass at elevated temperature (above glass transition 
temperature (T g )). This is an alternative route for synthesizing polycrystalline 
ceramics. The amount of crystalline ceramic phase may vary between 50 – 99   vol%. 
The important advantage of this route is that an almost pore - free body can be 
fabricated, which is otherwise diffi cult to produce by sintering route. 

 In the last decade, a number of glass - ceramic systems are being researched 
for their biomedical, in particular, dental restoration applications. It can be 
recalled here that human teeth act as a mechanical device during masticatory 
processes such as cutting, tearing, and grinding of food particles. Teeth get dam-
aged or worn away with age and therefore, partial or total replacement of human 
teeth with a suitable biocompatible material is required. 

  3.4.4.1   Mica Based Glass Ceramics.     In recent times, the research on the 
development of new dental restoratives has attracted wider attention, both in 
the materials community as well as among dentists. It was also recognized that 
bioceramic materials with enhanced mechanical, chemical, and tribological prop-
erties are believed to be a potential material for dental restoration purposes if 
their machinability problem can be countered. In this context, machinable mica -
 based glass ceramics appear to be a feasible solution to fabricate an all - ceramic 
dental implant. The researchers in the authors ’  group 40  carried out a systematic 
study to understand the infl uence of varying heat treatment conditions on SiO 2  -
 MgO - Al 2 O 3  - K 2 O - B 2 O 3  - F (46SiO 2 , 16MgO, 17Al 2 O 3 , 10K 2 O, 7B 2 O 3 , 4F) glass - 
ceramic system by adopting two sets of heat treatment experiments.   In this 
study, critical single stage heat treatment experiments were performed at 1000    ° C 
for varying soaking time of 8 – 24 hours with 4 hours time interval and as a 
function of temperature for 4 hours in the temperature range of 1000 – 1120    ° C 

    Figure 3.7.     SEM images, revealing the adherence of L929 mouse fi broblast cells seeded for 

24 hours on HAp - 20Ti (a)  &  (b) 39 .  
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with 40    ° C temperature interval with heating rate of 10    ° C/min for both sets of 
experiments. 

 The results of critical heat treatment experiments have revealed scientifi -
cally interesting information about the crystal growth mechanisms. Figure  3.8  
shows the microstructures of glass and glass ceramic, heat treated at different 
temperatures of up to 1120    ° C for four hours. The microstructure is characterized 
by interlocked, randomly oriented mica plates when heat treated at different tem-
perature. When the base glass is heat treated for longer time period, such as more 
than four hours, a new type of crystal morphology appears, whose growth pattern 
can be approximately described by spherulitic - dendritic like crystallization habit. 
Image  “ c ”  and  “ d ”  in Figures  3.8  represent the morphology of a novel shaped 
crystal, which has a  “ butterfl y ”  like pattern with mica rods radiating from a 
central nucleus.   

 The possible mechanism for the development of this unusual microstructure 
is discussed with reference to a nucleation - growth kinetics based model. The 
activation energy for crystal nucleation and Avrami index are computed to be 
388   KJ/mol and 1.3 respectively, assuming Johnson - Mehl - Avrami model of 

    Figure 3.8.     SEM mages of glass ceramics samples (SiO 2  - MgO - Al 2 O 3  - K 2 O - B 2 O 3  - F) heat treated 

at (a) 1000    ° C, 4 hours, showing no sign of crystallinity, (d) 1120    ° C, 4 hours showing usual ran-

domly oriented interlocked mica fl akes. (c) SEM images of time variation samples (heat treated 

at 1000    ° C), showing single  “ Butterfl y ”  shaped crystals (soaking time 8 hours) (d)  “ Tree leave ”  

structure at the end of each mica rod (soaking time 16 hours) 40 .  

(a)
1000°C, 4hours 1080°C, 4hours

10µm 50µm

10µm50µm

(b)

(c)
1000°C, 8 hours 1000°C, 16 hours

(d)
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crystallization. Another important result is that a maximum of around 70% crys-
talline phase ( “ butterfl y ”  morphology) can be obtained after heat treatment at 
1000    ° C for 24 hours, while a lower amount ( ~ 58%) of interlocked plate like mica 
crystals is formed after heat treatment at 1040    ° C for four hours. Also, the glass 
ceramics with plate - like crystals exhibited the highest hardness of 5.5   GPa. 
In a recent study 41  on slightly different compositions (48.94SiO 2 , 17.45MgO, 
16.29Al 2 O 3 , 7.15K 2 O, 5.25B 2 O 3 , and 3.85F) of same glass ceramics with suitable 
heat treatment schedule showed much improved hardness ( ∼ 8   GPa). 

 The chemical durability of dental ceramics is an important property that 
affects their clinical performances. This is due to the fact that they are constantly 
exposed to various aqueous environments. The  in vitro  dissolution tests of similar 
glass composition were carried out by immersing the selected glass ceramic 
samples in artifi cial saliva (AS) for various time periods of up to six weeks. SEM 
images and SEM - EDS analysis of the surface of the sample immersed in AS for 
different time periods of two, three and six weeks were taken in order to assess 
the extent of Ca - P layer formation on the surface. Figure  3.9  shows the spherical 
particles of diameter 2 – 3    μ m on the surface after six weeks of immersion in AS. 
EDS analysis of spherical particles indicates the strong peaks of Ca, P and O, 
thereby confi rming the formation of Ca - P compounds. Further, the analysis of 
EDS data indicate that the composition of those spherical brighter contrasting 
particles, which cover the majority of surface area, can be characterized by 
Ca - P ratio of 1.57 (average). Ca - P is a highly bioactive material and therefore 
the formation of these layers on the glass ceramics sample will increase its 
bioactivity.    

    Figure 3.9.     SEM observation of glass - ceramic surface (SiO 2  - MgO - Al 2 O 3  - K 2 O - B 2 O 3  - F, heat treat-

ed at 1040    ° C for 12 hours), after immersing in AS solution for 6 weeks. EDS analysis of the 

spherical particles is shown inset 41 .  
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  3.4.4.2   Other Bioglass - Ceramics.     Besides Macor - based glass ceram-
ics, several other glass ceramics were developed in the last few decades. Among 
various glass ceramic materials, 45S5 glass, originally invented by Hench  &  
co - workers, is known to be the best bioactive glass material 42 . Its typical composi-
tion 43  is SiO 2 : 46.1, P 2 O 5 : 2.6, CaO: 26.9, Na 2 O: 24.4. A recent study by Chevalier 
 &  co - workers 44  report crystallization kinetics of 45S5 glass. It is known that 45S5 
glass undergoes a series of structural transformations, leading to the formation of 
Na 2 CaSi 2 O 6  crystals at 610    ° C. However, poor mechanical properties and lack of 
machinability has been a major concern for 45S5 glass. Therefore, these materials 
cannot be used for dental applications or any biomedical applications requiring 
the complex shape. 

 Besides 45S5 glass, Bioverit  ®   I base glass has wider clinical applications in-
cluding the possibility of using Bioverit II base glass as a matrix for Ti particle 
reinforced composite coatings 45 . The coatings were prepared by a single step vac-
uum plasma spray method on Ti - 6Al - 4V substrates. The mechanical characteriza-
tion showed a good adherence of the coatings to the substrate and the toughening 
effect of the dispersed Ti particles. 

 In another study, Bioverit  ®   III base glass -  and glass - ceramic matrix/Ti parti-
cles composites were prepared by means of a simple pressureless sintering 
method 46 . The sintering process was carefully optimized by means of differential 
scanning calorimetry (DSC) and hot stage microscopy. The optimized sintering 
conditions were accomplished by a viscous fl ow process, obtaining nearly full den-
sity amorphous matrix composites that were subsequently ceramised to obtain 
glass - ceramic matrix composites. Better mechanical properties were exhibited by 
both the glass -  and glass - ceramic matrix composites when compared with the cor-
responding pure matrices. Such a comparison was also found true for the glass -
 ceramic matrix composite, when compared with the glass - matrix. The cell growth 
of fi broblasts on the surface of the glass - ceramic matrix composites confi rms their 
biocompatibility. 

 In a different system, complex reactions between Ti and hydroxyapatite 
occurred during the sintering of Ti/HAp/BG composites 47 . Moreover, the addi-
tion of bioactive glass to Ti/HAp showed little effect on the phase components of 
the composites. Bioverit  ®  III glass - ceramic matrix/Y - PSZ particulate composites, 
successfully prepared by means of pressureless sintering, also confi rmed the 
toughening effect of the Y - PSZ particles 48 . 

 A different study reported that highly dense ( > 98% of relative density) 
Si 3 N 4  – bioglass composite 49  has potential advantage of each constituent, that is, 
the high fracture toughness of Si 3 N 4  with the bioactivity of a bioglass. The most 
signifi cant feature concerning the mechanical properties of this new biomaterial 
composite is the improvement in fracture toughness (4.4   MPam 1/2 ) and bending 
strength (383    ±    47   MPa) with respect to currently used mechanical bioceramics, 
glasses and glass ceramics for load bearing applications. However, a detailed bio-
compatibility study on Si 3 N 4 /bioglass composite is yet to be carried out. Barrors 
et al. 50  investigated the  in vivo  bone tissue response of another fl uoride contain-
ing canasite glass - ceramic (0.47K 2 O 0.94Na 2 O 1.42CaO 5.67SiO 2  1.5CaF 2 ). 
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Hydroxyapatite was used as control sample for this experiment. The canasite 
formulation evaluated was not osteoconductive and appeared to degrade in the 
biological environment. It was therefore concluded that the canasite formulation 
used was unsuitable for use as implant.   

  3.4.5   Bioinert Ceramics 

 This section discusses, bioinert materials and their application areas. The use 
of carbon and inert glass fi bers have important applications 51  for their typical 
anisotropic properties. These engineering fi bers have been mainly used as a 
reinforcement for orthopaedic devices, such as femoral hip stems, knee prosthesis 
and fracture fi xation plates. Because of the inability of carbon and inert glass to 
form any bioactive bonds, they have not been used in bone analogue materials. 
Also, the carbon - based composites, used for articulating surfaces, are reported 
to have a tendency to cause infl ammatory problems due to the loss of carbon 
particles 52 . 

 One potential bioinert ceramic, that is, Al 2 O 3 , showed good performance 
 in vivo , although the low fracture toughness (3 – 4   MPam 1/2 ) typically restricts its 
use in demanding applications. On the other hand, tetragonal zirconia ceramic 
(8 – 11   MPam 1/2 ) has a better edge over alumina. Various attempts have however 
been made to toughen Al 2 O 3  by adding monoclinic ZrO 2 , partially stabilized ZrO 2  
(PSZ), and so on. This leads to the development of zirconia - toughened alumina 53 . 
Dense ZTA has considerably better toughness 54  and wear resistance 55,56  than 
monolithic alumina. Although ceramic composite materials have potential use in 
load - bearing orthopedic applications, very few materials have been tested clini-
cally so far. 

 In an important investigation, Hayashi et al. 57  studied the  in vivo  response of 
bioinert ceramics such as alumina ceramic (99.5% purity Al 2 O 3 ), zirconia ceram-
ic (5   wt% Y 2 O 3  stabilized ZrO 2 ), SUS316L stainless steel (Fe: 65%: Cr: 18%; Ni: 
13%; Mo: 2%; Mn: 2%). The results were compared with dense sintered hydroxy-
apatite (HAp). The push out test results revealed the bone - implant interface 
shear strength for alumina, zirconia, steel and HAp as  ∼ 0.8, 0.9, 0.5, 12.1   MPa, 
respectively. It was concluded that the bioinert ceramics should not be used as 
a bone bonding material, but as the material for the articulating surface. 

 Colon et al. 58  described the function of osteoblast and staphylococcus epider-
midis on nanophase ZnO and TiO 2  inert bioceramics. It was evident from their 
result that nanophase ceramics (ZnO, TiO 2 ) had decreased staphylococcus epi-
dermidis adhesion and increased osteoblast adhesion in comparison to mac-
ropahse materials. 

 Among the stabilized zirconia ceramics, Y - TZP (yttria doped tetragonal zir-
conia polycrystal) has been the most attractive material in terms of toughness and 
structural properties. However, the leaching of yttria in humid environments and 
related degradation in properties have been a major bottleneck for wider applica-
tions of Y - TZP. To this end, PSZ (Mg, Ca - doped) has several advantages and such 
systems offer opportunities to control microstructure by tailoring a combination 
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of sintering and subsequent annealing conditions. The authors ’  recent investiga-
tion 59,60  on Ca and Mg - doped zirconia reveals that 8   mol% CaO - doped PSZ 
ceramics possess 97.5%  ρ  th  and 16   mol% CaO - doped FSZ possess only 91.6%  ρ  th , 
whereas more than 95%  ρ  th  in both Mg - PSZ and Mg - FSZ can be obtained, when 
all are microwave (MW) sintered at 1585    ° C for one hour. The microstructure of 
Ca - PSZ ceramic is characterized by bimodal grain size distribution of coarser m -
 ZrO 2  grains, embedded in cubic matrix. The optimized microstructure of both 
Mg - PSZ and Mg - FSZ samples are characterized by the presence of coarser grains 
with size in the range of 5 – 10    μ m. The obtained microstructure is superior com-
pared to conventional sintering route, which normally results in grain sizes of 
20 – 50    μ m. 

 SEM investigation also shows the presence of microporosity ( < 10    μ m), 
trapped at both intragranular as well as intergranular regions. XRD analysis 
reveals that MW sintered Ca - FSZ contains predominantly c - ZrO 2  phase, 
whereas the presence of monoclinic zirconia was recorded as a predominant 
phase in Mg - PSZ samples. Although for FSZ samples, the predominant phase 
is cubic, except for samples sintered at 1500    ° C, for which the major phase is 
m - ZrO 2 . The optimized Ca - PSZ and Ca - FSZ ceramics exhibit Vickers hardness 
of around 10   GPa and 9   GPa, respectively; whereas the toughness was measured 
for Ca - PSZ as 6   MPam 0.5 . Similarly, Mg - PSZ ceramics, sintered at 1585    ° C 
possess a better combination of hardness (10.6   GPa) and fracture toughness 
(6.8   MPa   m 0.5 ). 

 Apart from microstructural investigation and mechanical property measure-
ment, the tribological properties in dry and simulated body fl uid were also evalu-
ated. For both Mg and Ca - doped ZrO 2 , a steady state COF of  ∼ 0.5 against bearing 
steel ball is measured in dry condition and shows lower values ( ∼ 0.35 – 0.4) in SBF 
lubrication contact. The wear mechanism is dominated by the formation of Fe x O y  -
 rich tribochemical layer, which was in contact with steel counterbody after the 
steady state was attained. In the case of SBF medium, such tribochemical layer 
additionally contains chloride compound. SEM images of the worn surfaces on 
CaO doped zirconia are shown in Figure  3.10  and the formation of a tribochemi-
cal layer is evident.   

 The investigated CaO/MgO doped materials experience wear rate in the 
order of 10  − 5    mm 3 /Nm (in air) and 10  − 6  to 10  − 7    mm 3 /Nm (in SBF) with the lowest 
wear rate recorded with FSZ materials in SBF solution. The tribochemical layers 
appear to form on abraded surface and thereby, reduce the material damage from 
continued wear process. From the above, it should be clear that the optimized 
MgO - doped or CaO - doped ZrO 2  exhibit much better combination of mechanical 
properties, when compared to bioinert Al 2 O 3  or majority of the glass ceramics 
and their composites. However, further experiments to study cytotoxicity prop-
erty and clinical trials need to be conducted on these materials to assess their 
potential for biomedical applications. The above results also demonstrate the ef-
fi cacy of MW sintering as a processing tool to fabricate bioceramics with compa-
rable or better processed materials (pressureless sintering and post fabrication 
annealing). 
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 In their recent work, Gonz á lez et al. 61  described the method of synthesizing 
bio - silicon carbide (SiC) from plants and also proved the biocompatibility of this 
new generation of biomaterials by  in vitro  and  in vivo  experiments. For their 
work, they chose specifi c plant species as templates whose chemical composition 
can be changed by some specifi c transformation method while maintaining the 
original biostructure. By this method, it is possible to develop lightweight and 
high - strength scaffolds for bone substitution. Their  in vitro  and  in vivo  experi-
ments demonstrated how the plant species became colonized by the hosting bone 
tissue due to its unique interconnected hierarchic porosity.   

  3.5   POLYMERIC BIOMATERIALS 

 Polymers are useful in different engineering applications due to their light weight, 
low COF ductility and easy formability/moldability. However, polymers lack high 
E - modulus, hardness and strength compared to ceramics and metals. Few of the 
polymers possess good biocompatible properties that could be exploited in de-
signing several biomaterials. The following overview reviews selected polymers 
and their composites that were extensively used and investigated as hard tissue 
biomaterials over the last few decades. 

 Major advantages of polymers are their attractive properties and availability 
in a wide variety of composition, and forms (solid, fi bers, fabrics, fi lms and gels). 
Polymeric materials can be broadly classifi ed as thermoplastics and thermosets. 
For example, HDPE and PEEK are examples of thermoplastics, while SR, PDMS, 
PMMA are examples of thermosets 62 . Despite their good biocompatibility, many 
of the polymeric materials are mainly used for soft tissue replacement (such as 
skin, blood vessel, cartilage, ligament replacement etc). 

    Figure 3.10.     SEM images of worn surfaces of Ca - FSZ ceramics (MW, 1585    ° C) (a) and that 

on Ca - PSZ ceramic (b) after testing against steel in SBF. The double pointed arrow indicates 

fretting direction. Fretting conditions: 10 5  cycles, 10   Hz frequency, 10   N load and 80    μ m stroke 

length. Counterbody: 6   mm diameter steel ball 59 .  

(a) (b)
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 The combination of modulus and strength properties of most of the polymers, 
as summarized in Table  3.4 , do not meet the lower bound requirement of natural 
cortical bone (Table  3.2 ).   

 Low stiffness (E - modulus) and high wear rate does not permit their use as 
load - bearing hard tissue applications (such as bone, teeth, joint, and so on). Hence, 
a new approach to the design of implanted biomaterials with tailor - made proper-
ties is attempted for various polymer biocomposite materials 63 . The polymer bio-
composite materials consist of one or more reinforcing phases (ceramics, metals 
and polymers) in a polymer matrix. These composites are considered as an alter-
native choice to overcome various shortcomings of homogeneous polymers. Be-
sides signifi cant improvement in creep, fatigue resistance and other mechanical 
properties, one major advantage of polymer biocomposites 64  is their radio trans-
parency and non - magnetic features. Such combinations of properties allows them 
to be scanned by various modern imaging and modern diagnostic methods, like 
computer tomography (CT) and magnetic resonance imaging (MRI). This feature 
has broadened the application area of polymeric materials to cranial implants 
as well. 

  3.5.1   Polymer - Polymer Composites 

 Polymer – polymer composite has important commercial implications, as new ma-
terials are being developed for various hard tissue replacements (acetabular cup, 
knee replacement). Examples of few new polymer – polymer composites include 
CF/UHMWPE, PET/PU, CF/C, CF/PEEK, CF/PMMA, PS/CF, etc 65 . One attrac-
tive aspect of the composite approach is the ability to control properties via 
several variables. Important variables that can be adjusted to control properties 
include: 

  a)     type of continuous phase matrix,  
  b)     type of polymer particles,  
  c)     particle size distribution and  
  d)     number of reinforcing phases 66 .    

 TABLE 3.4.     Mechanical Properties of Different Synthetic Biopolymers which could be Used 
as Hard Tissue Replacement 

   Materials     Elastic modulus (GPa)     Tensile strength (MPa)  

  HDPE    0.88    35  
  PTFE    0.5    27.5  
  PA    2.1    67  
  PMMA    2.55    59  
  PET    2.85    61  
  PEEK    8.3    139  
   PS     2.65     75  
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 The fabrication of synthetic analogues of bone is a great challenge to mate-
rial scientists. As mentioned in section  3.3 , bone itself is a composite material in 
nature with a polymeric phase collagen. 

 In THR applications, one of the major problems arises with the mismatching 
of stiffness of the prosthesis and the femur bone. The metal stem has fi ve to six 
times higher stiffness than host bones, which causes stress shielding problem 67,68,69 . 
As a solution, some researchers introduced CF/PS 70  and CF/C 71  polymer compos-
ites to replace the metal stem. Improved creep property, more strength, and mod-
erate stiffness are the major characteristics of this type of polymer composites. To 
mimic the mechanical properties of the femur bone, the use of another polymer 
composite, such as CF/PEEK stem prosthesis, are successfully achieved 72,73,74 . A 
few examples of other polymers for THR application include CF/Epoxy, CF/C, 
and CF/PE, and so on. However, lower stiffness, E - modulus, and poor mechanical 
strength associated with polymer composites implants limits their long - term use 
as suitable bone replacement materials. To overcome this problem, ceramic – 
polymer composites have been developed as hard tissue replacement materials 75 .  

  3.5.2   Polymer - Ceramic Composites 

 Major advantages of the ceramic materials are their good biocompatibility, high 
hardness and improved corrosion and wear - resistance properties. However, a 
large mismatch in E modulus (stiffness) between the hard tissue and ceramic im-
plant materials effectively caused stress shielding or stress protection problems, 
as the bone is insuffi ciently loaded compared to the implanted materials 76 . Also, 
the stress shielding affects the healing and remodeling process, leading to a de-
crease in bone density. This is because of the fact that bone growing cells (osteo-
blast) progressively become less productive and form a lower strength porous 
bone, which is called trabecular or cancellous bone. 

 Another major shortcoming of ceramic biomaterials is their lower fracture 
toughness value, which limits their use as load - bearing implant materials. In this 
case, low modulus materials, such as polymers could be combined with ceramic to 
obtain combination of desired material properties. Building on several years of 
research, HAp/HDPE, SiO 2 /silicone rubber, HAp/EVA, BCP/PMMA, HAp/
PLA, HAp/PEEK, bioactive glass/PMMA, nano - HAp/Poly (hexamethylene adi-
pamide) composite materials are being developed 77 . 

 Among various ceramic containing polymer biocomposites, hydroxyapatite 
reinforced HDPE composites are extensively studied for their potential use as 
hard tissue replacement materials and has been successfully used in orbital sur-
gery and developed as an analogue material for bone replacement. The closer 
property matching of HAp/HDPE composite (E Modulus: 2 – 5   GPa, Tensile 
strength: 18 – 25   MPa) to bone, reduces the problem of bone resorption, which is 
associated with the use of metal/ceramic implants. 

 Bonfi eld et al. 78  was the fi rst to develop hydroxyapatite reinforced high den-
sity polyethylene (HDPE) biomaterial for skeletal applications and coined a 
trade name HAPEX TM  for HAp/HDPE composite. In a refi ned processing route, 
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Bonfi eld used coupling agents, such as 3 - trimethoxysiyl propylmethacrylate for 
HAp and acrylic acid for HDPE, to improve bonding (by both chemical adhesion 
and mechanical coupling) between HAp and HDPE. The improvement in bond-
ing resulted in enhanced ductility and tensile strength. In the case of untreated 
composite, only mechanical bonding exists at the fi ller - matrix interface, which 
resulted from the shrinkage of HDPE around individual HAp particles during 
thermal processing. 

 Bonfi eld et al. 79  also reported an optimum combination of mechanical and 
biological performance with HAp/HDPE composite containing 40   vol% of HAp. 
An  in vitro  cell culture study showed that 40   vol% HAp/HDPE composite 
enhanced cellular activity by increasing proliferation rate and differentiation 
compared to the 20   vol% HAp/HDPE composite 80 . The extensive mechanical 
measurements reveal the tensile strength, E - modulus and strain - to - failure for 
surface - treated composite to be 23.2   MPa, 3.9   GPa and 6.8%, while that of un-
treated composite to be 20.7   MPa, 4.3   GPa and 2.6%, respectively 81 . 

 In a subsequent work,  in vitro  study revealed that HAPEX TM  attached 
directly to a bone by chemical bonding (bioactive fi xation), rather than forming 
fi brous encapsulation (morphological fi xation). The effect of HAp particle size on 
the polymer - ceramic composite properties was also investigated by various re-
searchers 82 . It was found that HAp particles (fi ner) reinforced HDPE exhibited 
higher E - modulus and hardness. It has been observed that the mechanical prop-
erties were signifi cantly increased with an increase in HAp volume fraction, while 
fracture strain decreased. The tribological properties (that is, wear rate and coef-
fi cient of friction) of unfi lled HDPE and HAp/HDPE composites were investi-
gated 83  against duplex stainless steel on a tri - pin - on - disc tribometer under dry 
and lubricated conditions using distilled water, aqueous solution of protein (egg 
albumen) and glucose as lubricants. In general, HAp/HDPE composite exhibited 
a lower COF ( ∼ 0.02 – 0.04) compared to unfi lled HDPE ( ∼ 0.035 – 0.045). The com-
posite with 10   vol% of HAp was found to exhibit improved friction and wear 
behavior. 

 Recently, many researchers are attempting to improve the mechanical prop-
erties of the HDPE - based composites with minimal compromise on the biocom-
patibility component, by incorporating other ceramic phases into the polymer 
matrix 84 . The partial replacement of HAp fi ller particles with PSZ particles led to 
an increase in the strength and fracture toughness of HAp/HDPE composites. 
The compressive stress, set up by the volume expansion associated with tetrago-
nal to monoclinic phase transformation of PSZ, inhibits or retards the crack prop-
agation within the composite. This results in an enhanced fracture toughness of 
the HAp/ZrO 2 /HDPE composite 85 . 

 In another study, Al 2 O 3 , a bioinert material, has been investigated to replace 
ZrO 2  in the HAp/ZrO 2 /HDPE composite. The excellent mechanical properties 
and chemical properties of Al 2 O 3  with respect to HAp are considered as a new 
trend in designing a polymer - ceramic biocomposite 86 . Other HAp - polymer com-
posites used in hard tissue replacements are HAp/PEEK 87,88,89 , HAp/EVA 90 , and 
nano HAp/poly (hexamethylene adipamide) 91  composite. 
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 Hasegawa et al. 92  studied  in vivo , spanning over a period of 5 – 7 years, high -
 strength HAp/poly(L - lactide) composite rods for the internal fi xation of bone 
fractures. In this work, uncalcined HAp (u - HAp) and calcined HAp (c - HAp) 
were used as reinforcing phases in PLLA matrix. The u - HAp and c - HAP rods 
were implanted in the femurs of 25 rabbits. The samples were collected after the 
natural death of the rabbits. It was found that the implanted materials were re-
sorbed after six years of implantation. The presence of remodeled bone and tra-
becular bone bonding were the signifi cant outcome. Osteolytic and osteoarthritis 
problem was not observed. 

 Another possible application of polymer matrix composite could be cranial 
implants. Itokawa et al. 93  reported the results of an  in vivo  study (spanning over a 
year) on the response of bone to a hydroxyapatite – polymethylmethacrylate cra-
nioplasty composite. New bone formation was observed after 12 and 24 weeks of 
implantation. After one year, the presence of new bone formation was seen at the 
interface region. 

  3.5.2.1    HDPE  -  HA  p  -  A  l  2  O  3  Hybrid Composites.     In a recent approach by 
Basu and his coworkers 94 , HDPE - HAp - Al 2 O 3  composites were developed and 
the mechanical, tribological and cell adhesion properties evaluated. This work 
demonstrated how the stiffness and hardness as well as the biocompatibility prop-
erty of bioinert High density Polyethylene (HDPE) can be signifi cantly improved 
by the combined addition of both bioinert and bioactive ceramic fi llers. In the 
work of Basu et al., HDPE/HAp/Al 2 O 3  biocomposites with various compositions 
were processed at the optimized compression molding condition (130    ° C, 0.5   h, 
92   MPa pressure). The microstructural analysis confi rms homogeneous distribu-
tion of fi ner ceramic fi llers (2 – 5    μ m) in HDPE matrix. 

 Importantly, higher elastic modulus (6.2   GPa) and improved hardness 
(226.5   MPa) were obtained with the HDPE/20   vol% HAp/20   vol% Al 2 O 3  com-
posite. The simultaneous addition of Al 2 O 3  and HAp leads to an improvement 
in mechanical properties, when compared to that of HDPE - 20   vol% Al 2 O 3  
(H v  - 131.1   MPa, E - modulus - 2.7   GPa) or HDPE/20   vol% HAp (H v  - 129.5   MPa, 
E - modulus - 2.4   GPa). 

 Another important result was that the maximum hardness (252   MPa) and 
elastic modulus (7.1   GPa) have been attained in case of 40   vol% Al 2 O 3  reinforced 
HDPE composite (without any HAp). 

 The above experimental results also required an assessment as to whether or 
not good tribological properties of HDPE are compromised due to HAp/Al 2 O 3  
addition. Therefore, a series of wear experiments were conducted. The fretting 
testing parameters included a normal load of 10   N, relative displacement of 80    μ m, 
frequency of 10   Hz and testing duration of 100,000 cycles. The accuracy of the 
temperature and humidity maintained in this investigation was 35    ±    2    ° C and 
45    ±    5%, respectively. 

 The results of a number of a fretting tests on developed biocomposites against 
steel/Al 2 O 3 /ZrO 2  reveal that the addition of HAp and/or Al 2 O 3  (up to a maxi-
mum of 40   vol%) to HDPE still allow to retain favorable friction properties, as a 
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lower steady state of 0.12 or lower has been achieved for optimized HDPE -
 20   vol% Al 2 O 3  - 20   vol% HAp materials. 

 Under the investigated fretting conditions, HDPE/20   vol% HAp/20   vol% 
Al 2 O 3  composite showed enhanced wear resistance against both zirconia 95  (wear 
rate  ∼ 1.08    ×    10  − 6  and 1.787    ×    10  − 6    mm 3 /Nm   in SBF and atmospheric condition, 
respectively) and steel counterface 96  (wear rate  ∼ 2.3    ×    10  − 6  and 3.87    ×    10  − 6    mm 3 /
Nm   in SBF and air, respectively) in comparison to unreinforced HDPE (wear 
rate  ∼  order of 10  − 5    mm 3 /Nm). Overall, the lowest wear rate is recorded against 
alumina counter - body 97 , irrespective of fretting environment and composite com-
position. Table  3.5 , summarizes COF and wear rate of different composites against 
different counterbodies and fretting mediums.   

 In general, a decrease in wear rate in SBF condition is observed for all the 
tested materials. Importantly, the present investigation reveals that partial re-
placement of HAp by 20   vol% Al 2 O 3  in the HAPEX TM  (40   vol% HAp - HDPE 
composite) composition improves the wear properties of the developed compos-
ites. Figure  3.11  shows the fretted zone of this composite and emphasized the 
hindrance in material removal by addition of hard ceramic particulates.   

 Cell culture experiments for 24 hours, involving L929 fi broblast cells, clearly 
reveal the favorable cell adhesion property of the newly developed HDPE/20   vol% 
HAp/20   vol% Al 2 O 3  biocomposite. To provide evidence, SEM images are ac-
quired and presented in Figure  3.12 .   

 In addition to results obtained with HDPE - 20HAp - 20Al 2 O 3  and HDPE -
 40HAp composite, cell attachment on the standard biocompatible disc (poly - L -
 lysine - coated glass coverslips, negative control sample) is also shown. Figures 
 3.12 e and  3.12 f clearly show that fi broblast cells proliferated to a considerable 
extent on the control sample surface. Importantly, cells are also proliferated to a 
greater extent on the HDPE - 20HAp - 20Al 2 O 3  composite as well as on the HDPE -
 40HAp sample. At many of the investigated regions, the general observation has 
been that the cells are attached closely with neighboring cells, and thereby form a 
cellular network (characteristic of fi broblast type cells) on the composite surface. 

 Closer observations of SEM images reveals that in the case of control disc, 
the cells are more round - shaped; whereas in the case of developed composites, 
cells are fl attened with cell fi lapodia extending sideways in order to increase con-
tact with the underlying substrate (composite). 

 In many investigated regions, such phenomenon resulted in enhanced cell –
 cell interactions, leading to formation of cellular bridges (see Figures  3.12 b,  3.12 d, 
and  3.12 f). 

 The above observations are clear indicators of good biocompatibility prop-
erty. It can be inferred that the HAp containing composite is as biocompatible 
as the control disc. However, pure HDPE (unreinforced) is essentially bioinert 
polymer and the addition of ceramic fi llers (HAp), in the present case, clearly 
enhanced the cell adhesion property, even when a large amount of Al 2 O 3  fi ller 
was added. 

 The above observations also confi rm favorable cell adhesion properties of 
HDPE - 20HAp - 20Al 2 O 3  composite, which would encourage tissue formation/
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growth on the implanted surface. The mechanism of fi broblast cell attachment to 
the sample surface is guided by the interaction of protein receptors in cell mem-
brane with cell adhesion proteins. Also, cell adhesion protein originates from the 
plasma and physiological fl uid. Protein receptors on the cell surface enhance cell 
attachment to the biocompatible sample surface. These receptors transduce bio-
chemical signals to the nucleus by activating the same intercellular signaling path-
ways used by growth factor receptors. The more rapid the cells spread, the higher 
their rate of proliferation 98 . The presence of hydroxyapatite or similar biocompat-
ible materials stimulates the above cell growth functions, culminating in cell pro-
liferation throughout the sample surface.    

  3.6   METALS AND ALLOYS IN BIOMEDICAL APPLICATIONS 

 Because of better physical properties such as strength, toughness, or ductility, 
some biocompatible metals and their alloys are often used for joint and bone 
implants. The applications of metals include bone replacement, bone repair, met-
al plates for fractures, dental implants (fi llings and posts), screws and staples, 
parts of other devices like artifi cial hearts, pacemakers and catheters. The major 
issues for metallic implants are biocompatibility, wear resistance and corrosion 
resistance in body fl uid. In the following sections, such issues will be discussed 
fi rst, followed by a discussion on the properties and applications of various im-
plant metals and alloys in reference to literature discussed earlier. 

    Figure 3.11.     SEM images revealing evidence of abrasion on as - fretted/worn surface of HDPE -

 20   vol% HAp - 20   vol% Al 2 O 3  in two different environments: air (a) and SBF (b). Fretting condi-

tions: 100,000 cycles, 10   Hz frequency, 10   N load and 80    μ m stroke length. counterbody: 10   mm 

diameter zirconia ball. EDS results of the noticeable tribological features are depicted as in-

serts in the corresponding micrographs 95 .  

(a) (b)
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    Figure 3.12.     SEM images, revealing the adherence of L929 fi broblast cells seeded for 24 

hours on HDPE - 20HAp - 20Al (S4) (a)  &  (b), HDPE - 40HAp (S6) sample (c)  &  (d) and control disc 

(e)  &  (f). The culture medium was DMEM 94 .  

(a)

(c)

(e)

(b)

(d)

(f)
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  3.6.1   Issues Limiting Performance of Metallic Biomaterials 

  3.6.1.1   Wear of Implants.     For implant applications, wear of metallic im-
plants is a serious concern for various biomaterials. The examples are different 
joints of the human body, where two similar or dissimilar materials come in con-
tact. In a typical HIP prosthesis, a metallic stint is attached to a ceramic ball, and 
the ceramic ball moves inside the polymeric acetabular cup. At the joint of the 
metal – ceramic interface, fretting fatigue could be responsible for loosening of the 
implant. On the other hand, the ceramic ball – polymer cup interface experiences 
sliding wear. The presence of body fl uid and different types of proteins may trig-
ger the wear rate  in vivo . 

 Pazzaglia et al. 99  investigated the reason behind the loosening of metal - 
plastic total hip prosthesis. Metal - on - plastic total hip prostheses liberate metal 
particles due to wear of the femoral stem. Such relative movement between two 
surfaces presumably aids the passage of metal particles from the cement – metal 
interface to the cement – tissue interface in the absence of direct contact via fi s-
sures in the cement. Metallic wear debris may also be shed from the femoral head 
articulating in the cup if the latter is contaminated with an abrasive, such as bone 
cement; however, this was not noticed. Irrespective of the mechanism of their 
production and release, particles of stainless steel and Co - Cr - Mo alloy at the 
bone – cement interface encourage macrophage - related bone resorption 99 . It was 
suggested that this aspect represents a contributing and in some cases not incon-
siderable factor in loosening of metal - plastic total hip prostheses. 

 In their work on tribological behavior of Ti based alloys, Choubey et al. 100  
conducted fretting wear experiments on a number of Ti - alloys, in simulated body 
fl uid environment. Their results revealed that the COF of Ti - 6Al - 4V alloy lies 
between 0.46 – 0.50 and COF of Ti – 5Al – 2.5Fe alloys is 0.3 (see Figure  3.13 ). The 
major wear mechanism was found to be tribomechanical abrasion, transfer layer 
formation, and cracking.    

  3.6.1.2   Corrosion of Metallic Implants.     Most of the metallic implants 
corrode in contact with body fl uid. Sometimes, these corrosion products are 
harmful to the human body and in most of the cases, the mammalian cells cannot 
metabolize these corroded waste. Therefore, it is important to study the corrosion 
behavior of metallic implants  in vitro , that is, prior to  in vivo  application. 

 Steel is well known for its excellent strength properties and has been used as 
implant materials for a long time. Sivakumar et al. 101  compared the corrosion be-
havior of super - ferritic steel, duplex steel and 316 stainless steel (SS) and found 
that super - ferritic and duplex stainless steels can be adopted as implant materials 
due to their higher pitting and crevice corrosion resistance. Different alloying ele-
ments in stainless steel may have allergic and carcinogenic effect. To prove this 
characteristic, Hierholzer et al. 102  studied the corrosion behavior of SS in infected 
plated fractures. They observed that both the absolute concentration of the ions 
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and the Ni   :   Cr ratio in the tissues adjacent to stainless steel implants is greater in 
infected cases than that in non - infected cases. Thus, infection as a cause of allergy 
has to be considered. 

 As a result, using a different alloy (other than steel) for metal implants was 
tested. Williams and Clark 103  compared the corrosion of cobalt in aqueous media 
both with and without the presence of the protein serum albumin, using a number 
of experimental techniques. The corrosion rate was found to increase signifi cantly 
in the presence of albumin. Although the effect was related to albumin concentra-
tion to a certain extent, there was no equivalence between the metal ions released 
and the albumin present. It was believed that the effect was due to a catalytic 
process, where the albumin reversibly bound cobalt during the corrosion process. 

 Spriano et al. 104  characterized the samples of Ti - 6Al - 7Nb alloy with surfaces 
presenting a different chemical and mechanical state. Their results show that the 
Ti - 6Al - 7Nb alloy presents bioactive ability and good corrosion resistance after an 
appropriate surface treatment, which consists of a two - step chemical etching and 
heat treatment. 

 In evaluating the corrosion behavior of Ti based alloys in Hank ’ s solution, 
Choubey et al. 105  compared electrochemical and corrosion behavior results for 
four different types of alloys: Ti - 6Al - 4V, Ti - 6Al - 4Nb, Ti - 6Al - 4Fe and Ti – 5Al –
 2.5Fe. The passivation parameters of breakdown potential (E b ), passive current 
density (i pass ), and the passive range (E b  – ZCP) were estimated from the polariza-
tion curves; these are tabulated in Table  3.6 .   

 The zero current potential (ZCP) of all Ti - alloys was in the range of  − 276 to 
 − 585   mV vs. SCE. The passive current densities were obtained around the middle 
of the passive range (Table  3.6 ). The passive current densities of the alloys inves-

    Figure 3.13.     Comparative plot, showing the evolution of coeffi cient of friction (COF) with 

number of fretting cycles for potential orthopedic implant materials against steel at 10   N load, 

10   Hz frequency, and 80    μ m displacement stroke 100 .  

0.6
CP Titanium

Ti-13Nb-13Zr

Ti-5Al-2.5Fe

Ti-6Al-4V

Co-28Cr-6Mo

0.5

0.4

0.3

C
O

F

0.2

0.1

0.0
0 2000 4000 6000

No. of cycles

8000 10000



METALS AND ALLOYS IN BIOMEDICAL APPLICATIONS 83

tigated were of the same order of magnitude. The highest breakdown potential 
(w) was exhibited by Ti - 6Al - 4V. The passive range in the case of materials exhibit-
ing stable passive behavior is provided by the difference between breakdown and 
zero current potential. The addition of aluminum decreased the passive range 
signifi cantly, as can be noted from the data for Ti - 15Al. 

 On the other hand, Nb addition increased the passive range but not as much 
as that for Ti - 6Al - 4V (Table  3.6 ). The zero current potential, the cathodic ( β  c ) and 
anodic ( β  a ) Tafel slopes, the estimated corrosion current densities (i corr ) and corro-
sion rates are tabulated in Table  3.7 . Considering the maximum corrosion rate 
determined for each alloy (a conservative estimate), it is noted that the corrosion 
rates of Ti – 5Al – 2.5Fe, Ti – 6Al – 4V, Ti – 6Al – 4Fe and Ti – 6Al – 4Nb are comparable. 
Importantly, the corrosion rate is not drastically affected by the amount of Fe 
substitution. The results of Choubey et al. clearly revealed that all the alloys 
exhibited stable passive polarization behavior.     

  3.6.2    T  i  - Based Alloys 

 Titanium and its alloys are being developed largely for different implant applica-
tions. They encompass mechanical properties that are suitable for the applica-
tions. Due to their excellent corrosion resistance in body fl uid, they are the most 
accepted metallic materials for clinical applications. The interactions between 
titanium and the body tissues, which allow osseointegration in contact with bone, 

 TABLE 3.6.     Passivation Parameters Obtained from Potentiodynamic Polarization Curves 
in Hank ’ s Solution at 37    ° C. The Passivation Parameters are Zero Current Potential:  ZCP , 
Breakdown Potential:  E  b , Passive Current Density:  i  pass  and the Passivation Range ( E  b  -  ZCP ) 

   Sample     ZCP (mV vs. SCE)     E b  (mV vs. SCE)      i  pass  ( μ A/cm 2 )     E b  - ZCP (mV)  

  Ti - 6Al - 4V     − 276    1277    3.0    1553  
  Ti - 6Al - 4Nb     − 170    1182    1.4    1352  
  Ti - 6Al - 4Fe     − 257    1152    1.3    1409  
   Ti - 5Al - 2.5Fe      − 461     1244     1.2     1705  

    [105] .   

 TABLE 3.7.     Corrosion Rates of the  T  i  Alloys Determined by Tafel Extrapolation Method in 
Hank ’ s Solution at 37    ° C and  p  H  of 7.4. The Parameters are, Zero Current Potential:  ZCP , Zero 
Current Potential: The Cathodic ( β  c ) and Anodic ( β  a ), The Corrosion Current Densities ( i  corr ) 

   Sample  
   ZCP (mV 
vs. SCE)  

    β  c  (mV/
decade)  

    β  a  (mV/
decade)  

    i  corr  ( μ A/
cm 2 )  

   Corrosion rate 
( μ m/year)  

  Ti - 6Al - 4V     − 231     − 176    168    0.16    1.39  
  Ti - 6Al - 4Nb     − 596     − 158    185    0.10    0.86  
  Ti - 6Al - 4Fe     − 390     − 122    181    0.04    0.35  
   Ti - 5Al - 2.5Fe      − 588      − 102     175     0.13     1.13  

    [105] .   
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produce a strong attachment to epithelial and connective tissues. The cementless 
fi xation of hip prosthesis components and the retention of dentures by oral im-
plants are two exciting examples of the clinical application of titanium. Yoshiki 
Oshida describes the science and technology of integrated Ti implant in a sepa-
rate chapter of this book. 

 Vannoort 106  assessed the different possible application of Ti in human body. 
The two most popular applications of Ti and its alloy include dental inserts and 
THR application. He showed that Ti had good biocompatibility property in both 
the applications. 

 Gordin et al. 107  developed a new Ti - based alloy that combined Ti with the 
non - toxic elements, like Ta and Mo. This newly developed titanium alloys exhib-
ited spontaneous passivity and high corrosion resistance in Ringer ’ s solution 
(SBF). 

 In another study 108 , novel TiZr alloy foams with relative densities of approxi-
mately 30%  ρ  th  were fabricated by a powder metallurgical process. The TiZr alloy 
foams displayed an interconnected porous structure resembling bone and the 
pore size ranged from 200 - to - 500    μ m. The compressive plateau stress and the E -
 modulus of the TiZr foam were 78.4   MPa and 15.3   GPa, respectively. Both the 
porous structure and the mechanical properties of the TiZr foam were very close 
to those of natural bone. 

 Hollander et al. 109  tested DLF - produced (Direct Laser Forming) Ti6Al4V 
material for hard tissue applications. The cells spread and proliferated on 
DLF - processed Ti6Al4V over a culture time of 14 days. On porous specimens, 
osteoblasts grew along the rims of the pores and formed circle - shaped 
structures. 

 Matter and Burch 110  illustrated their experience with titanium implants, espe-
cially with the limited contact dynamic compression plate system. They confi rmed 
the outstanding biocompatibility of Ti metal. 

 Johansson and co - workers 111  demonstrated that commercially pure (cp) Ti 
and cp Zirconium can be well accepted for tibia implants. After implantation in 
an animal or human body, the interface between metallic implant and bone plays 
an important role towards the curing of patients. Good chemical bonding or me-
chanical interlocking is desired for long term implantation. 

 Sennerby et al. 112  analyzed the interface zone between cortical bone and 
threaded non - alloyed titanium implant, which was inserted in the rabbit tibia for 
12 months. Their observations suggested that mineralized bone reached close to 
the surface of titanium implants inserted in the rabbit tibia for 12 months; how-
ever, a direct contact was not established. 

 Muster et al. 113  observed the growth process of two different metals, that is Ti 
and gold. They showed that in the case of a bone – titanium interface, an interme-
diate compound is built which defi nitely contributes to its stability. In gold – bone 
interfaces, such a compound has not been observed, and growth seems less regu-
lar. In the case of the bone – titanium interfaces, a partial substitution of Ca with Ti 
occurs in the hydroxyapatite. This intermediate compound may be considered as 
a factor of stability and tolerance.  
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  3.6.3    C  o  -  C  r  -  M  o ,  N  i  or  T  a  – Based Alloys 

 In an interesting study, Plotz et al. 114  described the technique of cementless pros-
thesis using spongy metal surface. The shaft and metal cup of the prosthesis are 
made of a Co - Cr - Mo alloy and are completely covered by spongy metal surface. 
They summarized the results, after implanting this type of metal on 100 patients. 
After one year, 82% of patients were pain - free with the prosthesis fi xed by bony 
ingrowth, 8% were pain - free with the prosthesis fi xed by dense fi brous tissue, and 
10% were not pain - free, but did not desire revision surgery. Ni and Ni - based 
alloys are widely used in different medical treatments and devices. Also, it can be 
present as a contaminant in fl uids for intravenous administration or released 
from surgical implants and other medical devices. 

 Fell 115  described the risk of intravenous injection of human albumin solu-
tions contaminated with Ni causing Ni - sensitive subjects and patients to have 
impaired renal function. This investigation showed that the concentration of Ni 
in human albumin solutions, recently produced in two European countries (the 
United Kingdom and Italy), is substantially reduced in comparison with previous 
reports. 

 Tantalum is highly resistant to chemical attack and shows little adverse bio-
logical response. Metals coated with tantalum and tantalum itself does not 
degrade in extraction media during exposure to body fl uid media. Tantalum has 
been widely used in clinical applications for more than 50 years in the following 
areas 116 : 

  a)     radiographic marker for diagnostic purposes, due its high density,  
  b)     material of choice for permanent implantation in bone,  
  c)     vascular clips, with the particular advantage, that since tantalum, being 

anti - ferromagnetic, is highly suited to MRI scanning,  
  d)     for repair of cranial defects,  
  e)     fl exible stent to prevent arterial collapse,  
  f)     stent to treat biliary and arteriovenous (haemodialyzer) fi stular stenosis,  
  g)     for fracture repair and  
  h)     for dental applications.    

 Aronson et al. 117  undertook a specifi c study of tantalum markers in radiogra-
phy with pin and spherical markers, being implanted into bony and soft tissues of 
rabbits and children. No signifi cant macroscopic and microscopic reaction was 
noted around the markers and those implanted into bone were fi rmly fi xed, 
exhibiting close contact with adjacent bone lamellae. 

 In a review article, Semlitsch and Willert 118  reported various applications of 
metals and metallic alloys in THR prosthesis. The ball head of THR can be made 
either of Fe - 18Cr - 14Ni - 3Mo, Fe - 20Cr - 10Ni - 4Mn - 3Mo - Nb - N, or Co - 28Cr - 6Mo -
 0.2C, Co - 28Cr - 6Mo - 0,08C, Ti - 6A1 - 7Nb/TiN, Ti - 6A1 - 7Nb/ODH, or Co - 28Cr - 
6Mo - 0.2C; whereas the cup can be made of UHMW - polyethylene, Al 2 O 3 , and 
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Co - 28Cr - 6Mo - 0.2C. The above described alloys for ball application are also use-
ful for stem application. The implant alloys composition of Fe - 18Cr - 14Ni - 3Mo 
and Fe - 20Cr - 10Ni - 4Mn - 3Mo - Nb - N can be fi xed for cementless prosthesis. No sys-
tematic evaluation of corrosion and wear study of these implant alloys in SBF 
solution has yet been carried out.  

  3.6.4   Other Non - Ferrous Metals and Their Alloys 

 In a review article, Staiger et al. 119  fi rst reported magnesium as a light weight 
metal with mechanical properties similar to natural bone. The  in vivo  degradation 
of Mg occurred via corrosion in the electrolytic physiological environment. The 
experimental results implicate the potential of magnesium - based implants to 
serve as biocompatible, osteoconductive, degradable implants for load - bearing 
applications. The development, performance and integration with bone tissue of 
porous magnesium - based implants required further investigation as well as clini-
cal trials. 

 Among metals, aluminum is, however, considered as a potentially hazardous 
agent. The pathological fi ndings in different organs illustrate that Al - metal can 
accumulate in brain, muscle, liver and bone. Dittert and co - workers 120  scrutinized 
whether patients with cementless total hip endoprostheses made out of titanium 
alloys containing aluminum are at risk and reported that Al containing biomateri-
als can be regarded as safe as far as the risk of aluminum release  in vivo  is con-
cerned. Histological studies of bone from the bone – metal interface also showed 
no local deposits of released aluminum, in cases in which Ti alloys with Al as a 
minor element.   

  3.7   COATING ON METALS 

 As mentioned earlier, an alternative approach to use biomaterials is in the form 
of coatings. An impetus for developing various coatings is that the properties of 
coated bioimplants will combine advantageous properties of both coating and 
substrate materials. For example, bioactive ceramic coatings on metallic implant 
exhibit good strength (due to metal) as well as good bioactivity (due to ceramic 
coating). 

 The coating/substrate adhesion or deposition route also infl uences the physi-
cal properties of coatings. For example, HAp containing glass coating on Ti dental 
implants is reported to have better adhesion than the fl ame - sprayed HAp coat-
ings. HAp containing glass coatings have specifi c advantageous properties, which 
includes increased abrasion resistance, improved aesthetics (color, and so on) and 
enhanced bioactivity. 

 An  in vitro  study was used to investigate the biological response of HAp/
Ti - 6Al - 4V composite 121  coatings in SBF solutions. The coatings were found to 
undergo two biointegration processes, such as dissolution during the initial four 
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weeks soaking in SBF and the subsequent bonelike apatite crystal precipita-
tion. These coatings showed superior mechanical stability to the pure HAp 
coatings, indicating much better long - term stability of the composite coatings 
in physiological environment. With the interposition of a composite bond coat 
composed of 50   vol% HAp and 50   vol% TiO 2 , a composite coating on titanium 
substrate 122  was fabricated by plasma spraying and no chemical reaction was 
observed between HAp and TiO 2 . Toughness increases with the addition 
of TiO 2 . 

 Godley and co - workers 123  argued that   the essential condition for a biomate-
rial to bond with living bone is the formation of a biologically active bonelike 
apatite on its surface. In their work, it was demonstrated that chemical treatment 
can be used to create a calcium phosphate (CaP) surface layer, which might pro-
vide the alkali - treated Nb metal with bone - bonding capability. The formation of 
a similar CaP layer upon implantation of alkali - treated Nb into the human body 
should promote the bonding of the implant to the surrounding bone. This bone 
bonding capability could make Nb metal an attractive material for hard tissue 
replacements. This possibility requires further investigation. 

 Pajamaki et al. 124  studied the effect of glass - ceramics coating on Titanium 
implants. They exhibited the results with uncoated Ti, and showed that after 52 
weeks, the coated metal showed 78% bone ingrowth, whereas in the case of un-
coated metal, the bone coverage was only 37%. 

 Munting 125  explained the merit and demerit of HAp coating on metal im-
plants. The limitation of hydroxyapatite coatings to implant fi xation were dis-
cussed following a fi ve - year histomorphological study of the bony incorporation 
of macroporous stemless hemiarthroplasties in dogs. The results, obtained with 
implants without coating, with a pure titanium coating and with a hydroxyapatite 
coating were compared. Munting showed that HAp coating suffers from limited 
strength and poor fatigue strength 125 . Also, HAp can be dissolved  in vivo  in an 
acidic environment, created by macrophages. Bone ingrowths can be observed in 
contact with resection surface. To this end, the coating thickness is the most im-
portant parameter as thicker coating has a chance to delaminate and thinner 
coating has a shorter life. A coating with thickness of 40 – 60    μ m has been reported 
to be ideal one. 

 Wang et al. 126  compared the  in vivo  bone apposition on plasma - sprayed and 
electrochemically deposited hydroxyapatite coatings on Ti6Al4V alloy with un-
coated Ti6Al4V alloy. It was revealed that plasma - sprayed HAp coatings had a 
higher bone apposition ratio than those exhibited by bare Ti – 6Al – 4V and elec-
trochemically deposited HAp coatings after seven days. However, after 14 days 
of implantation, both the coated materials exhibited similar bone apposition ra-
tios, much higher than that for uncoated Ti – 6Al – 4V. Figure  3.14  shows the inter-
action of tissue with plasma - sprayed (3.14a) and electrochemically deposited 
(3.14b) coatings.   

 In their work, Chen et al. 127  converted the surface of bioinert NiTi shape 
memory alloy into a bioactive surface by immersing the implant alloy into simu-
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    Figure 3.14.     Crosssection TEM micrographs of samples, implanted for 14 day in rabbits for 

different materials. (a) Plasma Sprayed HAp, and (b) Electrochemically Deposited HAp coat-

ings, Thin sections were stained with uranyl acetate and lead citrate 126 .  

(a)

(b)
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lated body fl uid. The alloy compounds were surface treated by HNO 3  and NaOH 
aqueous solutions, prior to immersing in SBF. It was found that an HAp layer 
formed on the surface of the NiTi alloy after immersing 48 hours inside SBF. The 
surface modifi ed and as received NiTi cylindrical implants were bilaterally im-
planted into the femurs of rabbits. It was observed that HAp coating can facili-
tate fast proliferation of osteoblasts. Direct bony coverage of the surface - modi-
fi ed NiTi implants at six weeks of implantation was monitored. After 13 weeks of 
implantation, the interface between the coated implant and the bone shows 
the nature of osteo - bonding. On the other hand, the interface between the un-
coated implant and the bone has gaps, showing a weak bone – implant interface 
(Figure  3.15 ).   

    Figure 3.15.     The morphologies of surface of implants after 13 weeks of implantation. (a) A 

little bulged cell and collagen fi brous on uncoated NiTi implant. (b) A large number of bone 

cells and collagen fi brous networks on coated NiTi implant 127 .  

(a)

(b)
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    Figure 3.16.     Optical microscopy images of the worn surface on DLC coated Co - Cr - Mo surface 

illustrating: the mild wear after fretting at 10   N load for 10,000 cycles (a) and the severe wear 

after fretting at 10   N load after 100,000 cycles (b). Arrows indicate fretting directions. The 

counterbody is bearing steel and the double pointed arrows indicate the fretting. DLC coating 

is worn through as seen by the white contrast in (b) 128 .  

(a) (b)

 In a different work, Choubey et al. 128  explored the tribological behavior of 
CVD - DLC coated Co - Cr - Mo alloys under fretting contacts. They conducted the 
wear experiments on coated materials in Hank ’ s balanced salt solution to assess 
the  in vitro  performance in simulated body fl uid (physiological) solution. In SBF 
solution, DLC - coated Co - Cr - Mo alloys exhibited low COF of 0.07 – 0.10, whereas 
high COF (0.4) was experienced by uncoated Co - Cr - Mo, under identical fretting 
conditions. The wear mechanism was mainly governed by the mild wear with no 
signifi cant change in surface morphology in DLC - coated fl at material. The un-
coated Co - Cr - Mo exhibited extensive plastic deformation and delamination in-
duced grain pull out at higher load of 10   N after 10,000 cycles (see Figure  3.16 ). 
The obtained research results indicated the superior tribological performance of 
DLC coatings as compared to uncoated Co - Cr - Mo alloys.   

 In a review article, Hanawa 129  summarized the effect of metal ion release 
from the metallic implants  in vivo . The oxide fi lms, formed on the surface of me-
tallic materials, play an important role and protect the surface to release ions. 
Low concentration of dissolved oxygen, inorganic ions, proteins, and cells may 
accelerate the metal ion release. Also, the formation and breakdown as well 
as regeneration time of oxide layer on metallic implant surface may control the 
release rate. 

 In some specifi c applications, ions/debris can be released from the implants 
due to some mechanical actions, like wear and fretting. The behavior of metal ion 
release into biofl uid is governed by the electrochemical rule. The released metal 
ions do not always combine with biomolecules to casue toxicity, because an active 
ion immediately combine with a water molecule or an anion near the ion to form 
an oxide, hydroxide, or inorganic salt. It was concluded 129  that there is little 
chance that the metal ions can combine with biomolecules to cause cytotoxicity, 
allergy, and other biological infl uences.  
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  3.8   OUTLOOK AND RECOMMENDATIONS FOR 
FUTURE WORK 

 After reviewing the existing literature on synthesis, properties and different ap-
plications, it is quite clear that the appropriate material for each specifi c biomed-
ical application is still to be discovered. 

 In the case of ceramic - based monolithic and composite biomaterials, the 
major concern is low fracture toughness in spite of having excellent biocompati-
bility. A vast research initiative is needed to increase the fracture toughness val-
ues of ceramic - based biomaterials up to the safe limit of use, by manipulating 
microstructure and other structural parameters. An alternative route to develop-
ing biocompatible as well as mechanically - strong material is to develop ceramic 
coatings on metal, which provide the biocompatibility of ceramics as well as the 
mechanical strength of substrate metal. The properties of such ceramic coatings 
depend on the coatings ’  thickness, deposition condition and the coating - substrate 
interface properties. In both coating and bulk applications, the bioactive CaP 
based ceramics are the most important implant materials due to their excellent 
response inside human body. The fracture toughness of CaP based materials 
should lie between 3 – 5   MPa   m 0.5 . 

 The strategy to provide effective tools for bone replacement and repair 
would be the use of Ca/P based biomaterials assisted osseointegration involving 
an appropriate choice of the structure, microstructure, and chemical composi-
tions. This approach would, in principle, allow the production of bioactive 
materials available  “ off - the - shelf ”  and with known predictable properties. At this 
stage, microporosity has been suggested as one of the principal factors deter-
mining the osteoinductive properties of an implant 130 . However, mineral crystals, 
morphologies, chemical composition and mechanical behaviour could also 
play a major role in biological response and in the relative and/or combined 
importance of these parameters in the manifestation of the osteoinductive 
response. To this end, its duration and persistence have not yet been clearly 
determined. 

 One of the key perspectives in orthopedic implants is the use of nanosized 
Ca - phosphate particles. Both stoichiometric as well as non - stoichiometric HAp 
powders would be used in producing nanobiocomposites of desired composition. 
The interest for nanocrystalline apatite has grown since last few years. Apatite 
nanocrystals are the main component of hard biological tissues such as bone and 
dentine 131  and they play a major role in the biological activity of orthopedic bio-
materials 132,133,134  However, these reactive nanocrystals are diffi cult to shape into 
available carriers without altering their nanocrystalline nature and their biologi-
cal properties are not yet totally understood to optimize their shape/function 
properties. 

 Most of the polymers are currently used in soft tissue replacement such as 
tendon, cartilage, skin, and so on. Except these, few polymers could be suitable in 
load - bearing applications due to their lightweight, excellent corrosion resistance 
in body fl uid and low COF. However, the major concerns for such applications 
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are low E - modulus and hardness values of polymeric materials. As mentioned 
in Table  3.2  the E - modulus of cortical bone is in the range of  ∼ 17   GPa. Efforts 
should be made to develop polymer matrix composite materials, whose E - 
modulus and hardness can be raised to more than 8   GPa and 0.5   GPa, respec-
tively. The maximum hardness of cortical bone is nearly  ∼ 0.5   GPa. With an 
increase of E - modulus and hardness, the wear resistance of polymer is expected 
to be improved. The development of nanobiocomposites could be useful for such 
applications. 

 Considering their high fracture toughness/strength, metals are an excellent 
choice in load - bearing applications. The development of newer alloys will defi -
nitely broaden the area of materials selection. However, many aspects of  in vitro  
and  in vivo  evaluation need to be carried out for newer alloys (such as Ti - 5Al - 2.5 
Fe). More research efforts need to be invested to improve the corrosion and wear 
resistance of metallic biomaterials inside the human body. The required proper-
ties for hard tissue replacement biomaterials (ceramics, metals and polymers and 
their composites) are from a literature review and shown summarized in a sche-
matic diagram in Figure  3.17 .   

 Future efforts in the development 135  of biocompatibility methodology will 
probably be directed towards the development of materials, which will allow nor-
mal differentiation and function of tissues into which the materials are placed. In 
predicting areas in which new research will probably occur, two areas should be 
mentioned: molecular biology of host tissue in response to materials; and molecu-
lar interactions between biological molecules and synthetic materials or tissue -
 material combinations.  

    Figure 3.17.     The properties of an ideal hard tissue replacement biomaterial are showing in 

block diagrams.  
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  4.1   OVERVIEW 

 Developing calcium phosphate ceramics and other related biomaterials for bone 
grafts requires better control of biomaterial resorption and bone substitution pro-
cesses. The biphasic calcium phosphate ceramics (BCP) concept is determined by 
an optimum balance between the more stable HA phase and the more soluble 
TCP. The material is soluble and gradually dissolves in the body, seeding new bone 
formation as it releases calcium and phosphate ions into the biological medium. 

 The main attractive feature of BCP ceramic is its ability to form direct bone 
bonding with host bone, resulting in a strong interface. The formation of this dy-
namic interface is the result of a sequence of events involving interaction between 
biological fl uid and cells, as well as the formation of carbonated hydroxyapatite 
(CHA), which is similar to bone mineral, by means of dissolution/precipitation 
processes. Associating micro and macroporosity with the BCP chemical concept 
resulted in high osteogenicity and osteoinductive properties. At the present time, 
micro macroporous scaffolds are commercially available in blocks, particulates 
and customised designs, and specifi c matrices have been developed for combina-
tion with bone marrow or mesenchymal stem cells for tissue engineering (hybrid 
bone). The search for the ideal scaffold for tissue egineering and bone reconstruc-
tion in low trophic areas or large bone reconstruction remains a challenge, as 
those currently available are not appropriate. 

 In addition, the need for material for Minimally Invasive Surgery (MIS) has 
led to the development of a concept combining specifi c granules with polymer 
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or self - setting calcium phosphate cement for injectable/mouldable bone 
substitutes. Different types of injectable/mouldable bone substitutes have been 
developed: 

  a)     injectable biomaterial without initial hardening, where BCP granules are 
associated with a hydrosoluble polymer;  

  b)     the association of MBCP and fi brin sealant,  
  c)     the association of synthetic self hardening polymers and  
  d)     new generation macroporous calcium phosphate cements.    

 The purpose of this chapter is to review the fundamental properties of 
biphasic calcium phosphate bioceramics, their biological properties, the develop-
ment of new technologies for tissue engineering, and examples of clinical 
applications.  

  4.2   INTRODUCTION 

 In 1920, Albee reported the fi rst successful application of a calcium phosphate 
reagent for the repair of a bone defect in humans  [1] . More than 50 years later, 
clinical use of a  “ tricalcium phosphate ”  preparation in surgically - created peri-
odontal defects in animals was reported by Nery et al.  [2]  and the use of dense 
hydroxyapatite HA as an immediate replacement for tooth root was reported by 
Dennnissen  [3] . Largely through the separate efforts of Jarcho, de Groot and 
Aoki in the early 1980s  [4 – 7] , synthetic hydroxyapatite (HA) and  β  - tricalcium 
phosphate ( β  - TCP), became commercially available as bone substitute materials 
for dental and medical applications. The BCP concept has been widely developed 
by Daculsi and Legeros since the 1990s  [8 – 11] . 

 Developing BCP ceramics and other related biomaterials for bone grafts re-
quired controlling the processes of bioceramic resorption and bone formation at 
the expense of the biomaterial  [12 – 15] . Synthetic bone graft materials are avail-
able as alternatives to autogeneous bone for repair, substitution or augmentation. 

 The BCP concept  [10]  is based on an optimum balance between the more 
stable phase (HA) and the more soluble phase ( β  - TCP). BCP bioceramics are 
soluble and gradually dissolve  in   vivo , seeding new bone formation as it releases 
calcium and phosphate ions into the biological medium. Commercial BCP 
bioceramics consist of a mixture of hydroxyapatite (HA), Ca 10 (PO 4 ) 6 (OH) 2  
and beta - tricalcium phosphate ( β  - TCP), Ca 3 (PO 4 ) 2  of varying HA/ β  - TCP ratios 
(Table  4.1 ).   

 At the present time, commercial BCPs are sold in Europe, U.S., Brazil, 
Japan, Korea, Taiwan and China as bone - graft or bone substitute materials for 
orthopedic and dental applications under various trade marks. Currently, BCP 
bioceramics are recommended for use as an alternative or additive to autoge-
neous bone for orthopedic and dental applications. 
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 TABLE 4.1.     Commercial  BCP  and  BCP  Composites 

   HA/ b  - TCP ratio   
     60/40    MBCP ®  (Biomatlante, France)  
     20/80    MBCP2000 ®  (Biomatante France)  
     20/80    Tribone 80 ®  (Strycker Europe)  
     55/45    Eurocer 400 ®  (FH France)  
     60/40    Osteosynt ®  (Einco Ltd, Brazil)  
     60/40    Triosite ®  (Zimmer, IND)  
     60/40    4Bone ®  (MIS Israel)  
     60/40    SBS ®  (Expanscience France)l)  
     60/40    4Bone ®  (MIS Israel)  
     60/40    Kainos + ®  (Signus Germay)  
     60/40    Hatric ®  (Arthrex Germany, US)  
     60/40    OptiMX ®  (Exactech USA)  
     65/35    BCP ®  (Medtronic)  
     65/35    Eurocer 200 ®  (FH France)  

   BCP cement     MCPC  ™   (Biomatlante France)  

   Composites   
     BCP/Collagen    Allograft (Zimmer, IN)  
     BCP/HPMC    MBCP Gel  ®  (Biomatlante France)  
     BCP/Fibrin    Tricos ®  (Baxter BioSciences BioSurgery)  
      BCP/Silicon     FlexHA (Xomed, FL)  

 Exploratory studies have demonstrated the potential uses for BCP ceramic 
as a scaffold for tissue engineering in bone regeneration, gene therapy, and drug 
delivery. More recently, the BCP granule concept has been applied to the devel-
opment of a new generation of injectable, mouldable bone substitutes  [16,17] . 
BCP granules are combined with various polymers, natural (e.g., fi brin sealant) 
or synthetic (e.g., hydrosoluble polymer), to develop an injectable bone substi-
tute, IBS  [17] , or calcium phosphate cement to improve macroporosity and pro-
vide greater osteoconduction  [18] . 

 The present review focuses on the main physical and chemical properties of 
various BCP bioceramics such as micro and macrostructure, role and perfor-
mance of different HA/TCP ratios, new developments in bioceramics for inject-
able, mouldable BCP bioceramics and the clinical relevance of such bioceramics.  

  4.3   THE FUNDAMENTAL PHYSICAL, CHEMICAL AND BIOLOGICAL 
PROPERTIES OF BIPHASIC CALCIUM PHOSPHATE BIOCERAMICS 

  4.3.1   Introduction to Macroporosity and Microporosity 

 Two physical properties of bioceramics were considered to be very important 
for optimum biological performance in bioceramic - cell interaction, bioceramic 
resorption, bioceramic - tissue interface and new bone formation. These funda-
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mental physical properties are interconnecting macroporosity and appropriate 
microporosity  [19,20] . 

 Macroporosity in BCP ceramic is introduced by incorporating volatile mate-
rials (e.g., naphthalene, hydrogen peroxide or other porogens), heating at tem-
peratures of less than 200    ° C and subsequent sintering at higher temperatures 
 [19,21 – 25] . Macroporosity is formed as a result of the release of the volatile ma-
terials (Figure  4.1 ). Microporosity is a consequence of the temperature and dura-
tion of sintering  [20] : the higher the temperature, the lower the microporosity 
content and the lower the specifi c surface area (Figure  4.2 ).   

 At present, commercial BCP products of different or similar HA/ β  - TCP 
ratios are manufactured in many parts of the world and their successful use in 
medicine and dentistry has been reported  [11,26 – 31] . The total porosity (macro-
porosity plus microporosity) of these products is reported to be about 70% of the 
bioceramic volume. Current BCP commercial products with HA/ β  - TCP ratios 

    Figure 4.1.     Macroporosity of MBCP observed with SEM.  

    Figure 4.2.     SEM of discs sintered at 1050    ° C (D1, D2, and D3) and at 1200    ° C (D4, D5).  
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ranging from 60/40 to 75/25 (Table  4.1 ), present similar macroporosity percent-
ages (50 to 60%), but microporosity percentages are very different, varying from 
3% to 25%. 

 A low microporosity percentage and low surface area can result in lower 
bioactivity and lower dissolution properties. Microporosity of at least 20% with a 
specifi c surface area of more than 2   m 2 /g is required for optimal BCP effi cacy. 

 Ideally, pore size for a bioceramic material should be similar to that of bone. 
It has been demonstrated that microporosity (diameter  < 10    μ m) allows body fl uid 
circulation whereas macroporosity (diameter  > 100    μ m) provides a scaffold for 
bone - cell colonisation. 

 Signifi cant improvements in the method for introducing macroporosity/
microporosity have recently been developed in the production of micro - 
macroporous BCP (MBCP2000 ® , Biomatlante, France)  [32] . In this method, 
CDA is mixed with a combination of selected particles of naphthalene and sugar. 
After isostatic compaction, the CDA block is subjected to a specifi c process of 
sublimation/calcination. The BCP obtained using the classic naphthalene poro-
gen (MBCP) compared to that using a mixture of porogens, naphthalene and 
sugar (MBCP2000), resulted in differences in density, Specifi c Surface Area 
(SSA) of the crystal, compression strength and total porosity (Table  4.2 ). The 
permeability after incubation in bovine serum of MBCP2000 was twice as high as 
that of MBCP, and MBCP2000 showed a 30% increase in absorption compared to 
MBCP. The considerably higher permeability of MBCP2000 compared to MBCP 
cannot be explained by any difference in total porosity but may be attributed to 
differences in pore size, particularly mesopores.    

  4.3.2   Physical and Chemical Properties 

 As  β  - TCP is more soluble than HA  [33] , the extent of dissolution of BCP ceram-
ics of comparable macroporosity and particle size will depend on the HA/ β  - TCP 
ratio: the higher the ratio, the lower the extent of dissolution  [8,10,13] . The dis-
solution properties are also affected by the methods used in producing the BCPs: 
whether from a single calcium – defi cient apatite phase (BCP1) or from a mechan-
ical mixture of two unsintered calcium phosphate preparations (BCP2): BCP2 

 TABLE  4.2.      

        Temperature sintering     Duration     Temperature step control  

   D1     1050    5    none  
   D2     1050    5    900    ° C, 3H  
   D3     1050    5    900    ° C, 3H  
   D4     1200    5    900    ° C, 12H  
    D5      1200     5     900    ° C, 12H  

   (Temperature rise, 5    ° C/min; cooling rate; 1    ° C/min). Continuous heating for BCP specimens D1 and 
D5; programmed heating for D2, D3, and D4).   
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has a higher extent of dissolution than BCP1  [33] . In some cases, BCP ceramic 
with similar HA/ β  - TCP ratios could present different dissolution rates  [34] . This 
phenomenon may be caused by processing variables (sintering time and tempera-
ture) that may affect total macroporosity and microporosity: the greater the 
macroporosity and microporosity, the greater the extent of dissolution.  In   vivo , 
dissolution of BCP ceramics is manifested by a decrease in crystal size and an 
increase in macro -  and microporosity  [9 – 12] .  

  4.3.3   Mechanical Properties 

 It is logical for the pore size and percentage of macroporosity of the BCP 
ceramic to affect the mechanical properties  [22] . The preparation method has also 
been found to have a signifi cant infl uence on compressive strength. BCP ceramic 
prepared from a single calcium - defi cient apatite phase is reported to have higher 
compressive strength (2 to 12   MPa) than BCP ceramic prepared by mixing two 
unsintered calcium phosphate preparations (2MPa): one which, after sintering at 
1200    ° C, results in only HA and the other which results in only  β  - TCP  [34] . Initial 
mechanical property is not the best criterion for evaluating the effi cacy of bone 
ingrowth. For example, BCP with high mechanical properties because of low 
microporosity (as a result of a high sintering temperature) may have reduced 
bioresorption and bioactivity. On the contrary, it has been demonstrated that the 
initial mechanical property of BCP increased two or three times (2 to 6   MPa) in a 
few weeks after implantation thanks to the physical and chemical events of dis-
solution and biological precipitation into the micropores  [12] .  

  4.3.4   Bioactivity, Osteogenic Properties 

 The main attractive feature of bioactive bone graft materials such as BCP 
ceramic is its ability to form a strong direct bond with host bone resulting in a 
strong interface compared to bioinert or biotolerant materials which form a 
fi brous interface  [9 – 15] . The formation of the dynamic interface between bio-
active materials and host bone is believed to be the result of a sequence of events 
involving interaction with cells and the formation of carbonate hydroxyapatite 
(CHA), which is similar to bone mineral, by means of dissolution/precipitation 
processes  [12,15] . 

 Bioactivity is described as the property of a material to form carbonate 
hydroxyapatite (CHA) on its surface  in   vitro   [15,35,36]  or  in   vivo   [9,37 – 39] . 
Osteoinductivity or osteogenic property is the property of the material to induce 
bone formation  de   novo  or ectopically (in non - bone forming sites). Bioceramics 
(calcium phosphates, bioactive glass) do not usually have osteoinductive proper-
ties  [19] . However, several reports have shown the osteoinductive properties of 
certain calcium phosphate bioceramics such as coralline HA (derived from coral) 
or those observed in certain studies using BCP  [40 – 41] . Reddi  [42]  explains these 
apparent osteoinductive properties as the ability of particular ceramics to con-
centrate bone growth factors that are circulating in the biological fl uids, and these 
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growth factors induce bone formation. Ripamonti  [43]  and Kuboki  [44]  indepen-
dently postulated that the geometry of the material is a critical parameter in bone 
induction. Others have speculated that low oxygen tension in the central region 
of implants might provoke a dedifferentiation of pericytes from blood microves-
sels into osteoblasts  [45] . It has been also postulated that the nanostructured 
rough surface or the surface charge of implants might cause the asymmetrical 
division of stem cells into osteoblasts  [46] . 

 Surface microstructure appears to be a common property of the materials 
that induce ectopic bone formation. Recent studies have indicated the critical 
role played by micropores on ceramic - induced osteogenesis. For example, it has 
been reported that bone formation occurred in dog muscle inside porous calcium 
phosphate ceramics with surface microporosity but bone was not observed inside 
the dense surface of macroporous ceramics  [47] . It has also been reported that 
metal implants coated with a microporous layer of octacalcium phosphate could 
induce ectopic bone in goat muscle, while a smooth layer of carbonated apatite on 
these porous metal implants was not able to induce bone formation  [48] . In all the 
previous experiments, ectopic bone formation occurred inside the macroporous 
ceramic blocks. 

 It has been demonstrated that sintering temperature has a drastic effect on 
the microporosity of calcium phosphate ceramics: the higher the sintering tem-
perature, the denser the ceramic surface. To evaluate microporosity, how it is pro-
duced and the role it plays, the authors precipitated calcium - defi cient apatite 
(CDA) prepared to provide BCP with an HA/ β  - TCP ratio of 60/40   +   2, then sin-
tered between 1000    ° C and 1200    ° C; discs (25   mm diameter) were prepared for an 
 in   vitro  test and machined into implants (3   mm diameter) for  in   vivo  implantation. 
The discs were distributed into fi ve groups: D1, D2, D3, D4 and D5, and sintered 
using various conditions (heating rate and temperature) (Figure  4.2 ) (Table  4.2 ). 
All groups were subjected to the same rate of temperature rise (5    ° C/min), cool-
ing rate (1    ° C/min) and total sintering period (5   h). The discs in groups D2, D3 and 
D4 were heated to 900    ° C then allowed to remain at this temperature for 3   h (D2) 
or 12   h (D3 and D4). The fi nal temperature was 1050    ° C for groups D1, D2 and 
D3, and 1200    ° C for groups D4 and D5. XRD and FTIR analyses of the sintered 
discs showed only the BCP phase with an HA/ β  - TCP ratio of 60/40. Surface area, 
microporosity percent, cell coverage are summarized in Table  4.3 .   

 TABLE  4.3.       

        SSA m 2 /g    ±    0.01     % micropores     % cell coverage     dissolution ppm Ca, 60   min  

   D1      3.5      80     35    ±    1.2    7.8  
   D2      3.2      60     35    ±    1.0    7.9  
   D3      3.1      50     28    ±    1.5    6.9  
   D4      0.3      10     20    ±    2.0    3.8  
    D5       0.8       10      16    ±    2.0     3.1  
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  4.3.4.1   Composition.     XRD analysis showed the fi nal HA/ β TCP ratios for 
all BCP specimens to be 60/40    ±    2, independent of the sintering conditions. No 
differences in relative intensities or broadening of the diffraction peaks were ob-
served in any of the BCP specimens. In the FTIR spectra, only absorption bands 
attributed to the OH group for the HA and to the PO 4  groups for the HA and 
the  β  - TCP were observed. An apparent decrease in the intensity of the OH ab-
sorption bands, loss of resolution and broadening of the OH and PO 4  absorption 
bands were observed in the FTIR spectra of BCP specimens D4 and D5 com-
pared to those of D1, D2, and D3.  

  4.3.4.2   Dissolution Properties.     Dissolution experiments in an acidic buf-
fer (0.1   M KAc, pH 6, 37    ° C) showed differences in the extent of dissolution as 
refl ected by the concentration of Ca ions released into the acidic buffer over time. 
Maximum dissolution (maximum change in Ca concentration in the buffer) was 
observed in the fi rst ten minutes after exposing the BCP discs to the acidic buf-
fer, and no signifi cant change in Ca concentration was observed after 60 minutes. 
The BCP discs in groups D1 and D2 behaved almost identically followed by D3, 
indicating greater solubility than the BCP discs in groups D4 and D5.  

  4.3.4.3   Cell Proliferation and Colonization.     An established mouse fi bro-
blast cell line L929 was used. After seven days of culture, it was observed that 
percentage cell coverage on the BCP disc surfaces differed: much higher percent-
age coverage was observed on the surfaces of D1 and D2 discs (80 and 60%, re-
spectively) than on the surfaces of D3, and even lower for surfaces of D4 and D5 
discs (about 10 to 20%), as shown in Table  4.3 . The cells on BCP discs D1 and D2 
were observed to have proliferated and to be present all over the surface of the 
discs while the cells on the D4 and D5 discs showed much less proliferation and 
were observed only on the areas where they were originally deposited. The cells 
on the surface of the D1 and D2 discs had polygonal shapes while the cells on 
D4 and D5 appeared to be more rounded and contracted. Furthermore, the cells 
on D5 were characterised by long fi lopodia. The surfaces of the D1 and D2 discs 
appeared grainy and rougher while the surfaces of the D5 discs appeared smooth 
and similar to the surface as it was before the  in   vitro  experiment.  

  4.3.4.4    In Vivo  Experiment.     The right and left epiphyses of rabbits were 
implanted, and two defects created, one in the upper part (cancellous bone) and 
one in the diaphysis (no bone trabeculae, only bone marrow). After three weeks, 
the implants were processed for histology. All the implanted BCP discs showed 
good biocompatibility. However, bone growth and bone contact were very differ-
ent for the discs implanted in the cancellous bone of the epiphysis compared to 
those in bone marrow: the higher the density, the lower the osteogenicity, particu-
larly for the discs implanted in the bone marrow site. Moreover, the higher the 
density (D5 discs), the lower the amount of newly - formed bone in direct contact 
with the implant surface (Figures  4.3 ,  4.4  and  4.5 ).   
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    Figure 4.3.     Disc D3 implanted in rabbit epiphysis cancellous bone, polarised light 

microscopy.  

1 mm

    Figure 4.4.     Disc D1 implanted in the bone marrow site of a rabbit epiphysis.  

0.1 mm

 Current FDA and/or CE - approved commercial BCP products (e.g.,  MBCP ®  , 
 Biosel ®  ,  TCH ®  ,  Calciresorb ®  ,  Triosite ®  ,  Tribone ®    80 ,  OpteMix ®  ,  Hatric ®  , etc) 
with similar HA/ β TCP ratios and similar percentage macroporosity (60 to 70%) 
can vary in the interconnectivity of their macroporosity and in their percentage 
microporosity. Differences in the porogens used to provide the macroporosity, 
plus differences in sintering temperature and conditions, all affect percentage 
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microporosity. It is therefore not surprising that these products may show differ-
ent  in   vivo  performances. For the BCP bioceramic to have osteogenic/osteoinduc-
tive properties, high percentage microporosity and macroporosity are required. 
These data showed that higher osteogenic properties were observed with BCP 
discs with lower density (produced at a lower sintering temperature). These re-
sults confi rm that microporosity promotes osteogenic/osteoinductive properties 
in BCP bioceramics. 

 The properties of ceramic, such as composition, geometry, porosity, size and 
microstructure, should be considered as critical parameters for bone induction. 
These properties play a more important role in bone induction than in mechani-
cal stability  [49] . 

 Such osteogenic/osteoinductive properties for BCP ceramics can be 
explained by the formation of microcrystals with Ca/P ratios similar to those of 
the bone apatite crystals observed after implantation of MBCP. The abundance 
of these crystals was directly related to the initial  β  - TCP/HA ratio in the BCP: 
the higher the ratio the greater the abundance of the microcrystals associated 
with the BCP crystals. Using high resolution TEM, the authors demonstrated 
that the formation of these bone apatite - like microcrystals after implantation of 
calcium phosphates (HA, BCP) was non - specifi c, that is, not related to implanta-
tion site (osseous or non - osseous sites), subject of implantation, or type of CaP 
ceramics. 

 The coalescing interfacial zone of biological apatite and residual BCP ce-
ramic crystals (mostly HA), provides a scaffold for further bone - cell adhesion 
and stem cell differentiation into osteogenic lines, and further bone ingrowth. The 
bone repair or bone regeneration process involves dissolution of calcium phos-
phate crystals and then a precipitation of needle - like carbonate hydroxyapatite 

    Figure 4.5.     Disc D5 implanted in the bone marrow site of a rabbit epiphysis.  

0.1 mm
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(CHA) crystallites in micropores close to the dissolving crystals. The coalescing 
zone forms the new biomaterial/bone interface, which includes the participation 
of proteins and CHA crystals originating from the BCP ceramic crystals. This has 
been described as a coalescing zone and dynamic interface (50). 

 If the coalescing zone (chemical bonding) caused by precipitation of the 
biological apatites can be considered to be related to dissolution of the calcium 
phosphate (higher for  β  TCP)  [10,15] , then it can be suspected that the kinetics 
of bone ingrowth at the expense of the bioceramics is directly related to the 
HA/TCP ratio of the biphasic calcium phosphate. In 1998, the authors reported 
using TEM the difference at the crystal level between HA, TCP and various 
types of BCP, have never published data at the bony tissue level. To determine the 
infl uence of ratio on tissue ingrowth and bioceramic resorption, the authors 
used different types of BCP (pure HA, pure  β  - TCP, HA/TCP 27/75, 50/50 and 
75/25) for fi lling maxillofacial defects in dog mandibulars (only granules with 
micropore content), and critical size defects in dog femoral epiphyses (6   mm in 
diameter fi lled with a cylindrical implant that was both micro and macroporous). 
The implantation period was four, six or twelve weeks. From the two studies it 
appears that no statistical difference was measured for either bone ingrowth or 
bioceramic resorption in the BCP samples. Large bone remodelling appears in 
both BCP samples (Figure  4.6 ) with well - architectured bone (lamellar bone), and 
osteoconduction was evidenced. For the pure HA and pure  β  - TCP, signifi cant 
differences were measured for bioceramic resorption, the higher resorption over 
time from four to twelve weeks was reported for TCP. However, in spite of the 
considerable resorption for TCP, there was no more bone ingrowth than for HA, 
the TCP appeared to have been resorbed without osteoconduction, and cells 
and unmineralised tissue had taken the place of the TCP (Figure  4.7 ). For HA, 
as there was no apparent resorption, the space for bone ingrowth was still limited. 
On the contrary, for both types of BCP an equilibrium was observed between 
bioceramic resorbtion and bone ingrowth. At 12 weeks, no signifi cant difference 
was measured in the three types of BCP tested, in spite of what appeared to 
be a slight increase in bioceramic resorption for the higher HA/TCP ratio 
(75/25).      

    Figure 4.6.     (a) BCP in mandibular area with HA/TCP ratio of 20/80 and (b) ratio of 80/20.  

0.1 mm 0.1 mm 

(a) (b)
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  4.4   BIOCERAMICS: NEW DEVELOPMENTS 

  4.4.1   Microstructure Improvement 

 At present, granules and particles are used increasingly in mouldable, injectable 
or resorbable composites. However, the biological behaviour of the particles can 
be infl uenced not only by chemical composition and crystalinity, but by several 
other parameters such as granulometry and microporosity. The infl uence of 
microporosity on new - bone formation, though apparently one of the more 
complicated variables, has rarely been studied, unlike macroporosity. A recent 
study by O. Malard et al.  [51]  is reported. Two different porosities of biphasic cal-
cium phosphate granules were prepared (20% and 40% porosity) and evaluated 
in rat critical size defects. This study sought to specify the role of microporosity in 
an  in   vivo  experiment, as well as examine the amount and kinetics of newly -
 formed bone ingrowth, and the biodegradation of BCP ceramic. LP (20%) and 
HP (40%) microporous granules were prepared from calcium - defi cient apatite 
(CDA) sintered at 1050    ° C which resulted in a biphasic calcium phosphate BCP 
of 60% HA and 40%  β  - TCP. XRD showed BCP content without trace of carbon-
ate, with an HA/ β  - TCP ratio of 60/40. No difference was observed between the 
HP and LP granules. SEM image analysis showed that porosity was 17.6%    ±    3.6 
for LP granules and 39.7%    ±    10.3 for HP granules (p    <    0.001). LP granules were 
regular rounded granules and HP granules were more irregular in shape, with a 
sharper surface. 

    Figure 4.7.     Pure  β  - TCP implanted in a dog mandibular defect showing no bone contact with 

the granules and extensive resorption at the surface of the grain (arrow).  

0.1 mm
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 Density of the LP was 3.096 gram per cm 3    ±    0.003 and was 3.093 gram per cm 
3    ±    0.002 for the HP (no signifi cant difference, p   =   0.18). SEM image analysis 
showed that the LP granules had a mean diameter granulometry of 780    μ m    ±    148 
and the HP samples of 814    μ m    ±    207 (no signifi cant difference, p   =   0.13). 

 After three and six weeks of implantation, newly - formed bone was observed 
in both samples. Bone ingrowth was less apparent at three weeks than at six weeks 
and seemed to develop faster after implantation of high porosity granules. In the 
early stages, it consisted of woven bone containing many osteocytes. Newly -
 formed bone was observed mainly in the deep zones of the implanted defects 
from the surface to the core, initially in close contact with the BCP particles (with-
out fi brous interposition) but always close to the bordering bone. Osteoid ap-
peared around the ceramic particles and was observed at the early time of three 
weeks. Using SEM, bone ingrowth at three weeks in the LP group was 5%    ±    0.3 
of the implanted defect, and was greater than in the HP group (1.6%    ±    0.4, 
p    <    0.0001). At six weeks, in the LP group, the amount of newly - formed bone was 
4.3%    ±    0.5 of the implanted defect, and was lower than in the HP group (8.6%    ±    1.6, 
p   =   0.044). Between three and six weeks, the amount of newly - formed bone in-
creased in the HP group (p    <    0.0001). 

 During the same interval, the amount of newly - formed bone did not signifi -
cantly increase in the LP group (p   =   0.25). The BCP surface area in the implanted 
bone defects at three weeks was not statistically different between the two groups 
(p   =   0.1), and no more signifi cant at six weeks (p   =   0.8). The decrease in the BCP 
surface area was not signifi cant between three to six weeks in the LP group 
(p   =   0.4) or in the HP group (p   =   0.3). With the LP granules, new bone formation 
was signifi cantly greater at three weeks than with HP. This could be related to 
higher macrophagous activity with regard to the release of large particles (as con-
fi rmed by histological examination), in addition to the release of Ca and P ions. 
Between three and six weeks, newly - formed bone did not signifi cantly increase in 
the LP granules, whereas it did with the HP (5 - fold increase), confi rming previous 
studies about high initial infl ammation, and macrophagous activity acting as a 
booster for osteogenic cell differentiation  [52] . 

 At the later time of six weeks, there was an inversion in the amount of newly -
 formed bone, with more newly - formed bone in the HP implants confi rming the 
osteo - inductive property of the micropores as described in other animal models. 
The reason why granules that are less porous can induce faster bone ingrowth is 
not clear and needs further experiments. It has not been clearly elucidated why 
higher porosity is related to a huge increase in new bone formation after three 
weeks.  

  4.4.2    BCP  - Based Macroporous Cements 

 The need for a material for Minimally Invasive Surgery (MIS) prompted the 
development of a concept for injectable, mouldable calcium phosphate cement 
(CPC) as bone substitutes. Currently, several calcium phosphate bone cements 
are commercially available and more are being investigated. The concept was fi rst 
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introduced by LeGeros et al. in 1982  [53]  and the fi rst patent was obtained by 
Brown and Chow  [54]  in 1986. All the current CPCs are reported to have good 
mechanical properties and reasonable setting times. However, after setting, these 
materials remain dense and do not provide rapid bone substitution because of the 
lack of macroporosity. Numerous studies have reported the applications of cur-
rently available commercial calcium phosphate cements  [55] . New BCP - based 
calcium phosphate cement has recently been developed (patent)  [56] . The MCPC 
consists of multiphasic calcium phosphate phases, including BCP, and  in   vivo , the 
components of the cement resorb at different rates allowing the formation of in-
terconnecting macroporosity, thus facilitating bone ingrowth and substitution of 
the cement with the newly - forming bone  [18] . 

 The powder component is essentially made of a settable and resorbable 
matrix (which includes alpha - TCP, stabilised amorphous calcium phosphate (s -
 ACP) and monocalcium phosphate monohydrate, MCPM). A sieved fraction of 
macroporous biphasic calcium phosphate (BCP) granules ranging between 80 
and 200    μ m in diameter are incorporated into the matrix. The cement liquid is an 
aqueous solution of Na 2 HPO 4 . 

 After setting MCPC in distilled water at 20    ° C, the mechanical properties in 
compression of such materials were 10   Mpa    ±    2 at 24   h and 15   MPa    ±    2 after 48   h. 
The cohesion time for injectability was reached after 20 minutes. Animal models 
using critical size defects in rabbit epiphyses or goat vertebral bodies demon-
strate the performance and effi cacy of this concept of calcium phosphate cement. 
MBCP granules act as a scaffold for bone osteoconduction, and resorption of the 
ACP content of the cement allowed macroporosity and bone ingrowth between 
and at the surface of the BCP granules, extending to the core of the implanted 
site. The cement matrix dissolved as was expected, forming an open structure and 
interconnecting porosity. 

 SEM analyses showed that organised bone trabeculae were well differenti-
ated from the residual granules. After 12 weeks, few granules were fully integrat-
ed into the new cortical bone and deeper into the core, spongious bone was 
formed. Bone remodelling was in evidence at both six and twelve weeks in rabbits 
and less extensively in the goat model, in spite of six months of implantation 
(Figure  4.8 ). These differences could be explained by the mechanical strain and 
the osteogneic properties of the implantation sites. X - ray microtomography 
(microCT) demonstrated bone ingrowth at the expense of the cement and sur-
rounding the residual BCP granules. Bone trabeculae were observed coming 
from the spongious bone to the implant site. Resorption of the BCP granules was 
evident from six to twelve weeks.    

  4.4.3   How to Improve the Radiopacity of Bioactive Injectable 
Bone Substitutes 

 In the context of bone healing, biomaterials need to have certain specifi c charac-
teristics: providing bone regeneration, being resorbable, having mechanical or 
rheological properties  [57] . Currently, for Minimally Invasive Surgery (MIS), 
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X - ray contrast performance also provides important data, as the radiopacity of 
materials is required during the implantation process to ensure the location of 
the fi lled material  [58] . Various radiopaque agents (RA) such as barium sulfate, 
zirconium oxide or iodine have been tested (mechanical properties, cytotoxicity 
effects)  [59] . In vertebroplasty, the non resorbable acrylic bone cements (poly-
methyl methacrylate, PMMA) contain barium sulphate  [60] . To obtain a resorb-
able injectable bone substitute with rheological properties and x - ray contrast 
characteristics, Serge Baroth et al.  [61]  have developed  “ rounded ”  calcium phos-
phate granules loaded with an RA such as barium salt or with rare earth elements 
containing bismuth, lutetium and gadolinium. The four RA produced were: 
barium sulphate (BaSO 4 ), lutetium oxide (Lu 2 O 3 ), bismuth oxide (Bi 2 O 3 ) and 
gadolinium phosphate (GdPO 4 ). CDA (BCP 60 - 40) were mixed with RA (20% 
w/w) to obtain radiopaque calcium phosphate composites. The composites were 
shaped in 80 – 200    μ m  “ rounded ”  granules or pellets (ten mm in diameter, one mm 
thickness). The materials were sintered according to specifi c processes. Steam 
sterilisation (121    ° C, 30 minutes for pellets) or dry sterilization (180    ° C, four hours 
for granules) were used for  in   vitro  and  in   vivo  tests. 

 X - ray diffraction (XRD) and infra - red spectroscopy (FTIR) showed integra-
tion of the Ba into the CaP crystal lattice, while no substitution was noticed for 
the other RA used. SEM observation of the composite surfaces showed that the 
addition of our RA to the calcium phosphate matrix had an infl uence on crystal 
shape, crystal size and microporosity. With the addition of BaSO 4 , large crystals 
were obtained with low microporosity and a smooth surface. With the addition of 
Bi 2 O 3 , crystals grew in needle shapes with signifi cant microporosity. With Lu 2 O 3  
and GdPO 4 , the microporosity was signifi cant with small crystals and a number of 
fragments present on the BCP/Lu 2 O 3  matrix. 

    Figure 4.8.     MCPC implantation in a rabbit epiphysis femoral defect, SEM observation.  

1 mm 
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 RA cytotoxicity was quantifi ed  in   vitro  according to ISO 10993 - 5 on ex tracted 
using osteoblastic cells MC3T3 - E1. The RA cytotoxicity test showed no adverse 
effect (when MTS activity decreased more than 20%) on BaSO 4  and Bi 2 O 3 , 
whereas Lu 2 O 3  was cytotoxic for osteoblastic cells (Table  4.4 ).   

 Whatever the matrix type (chemical composition or surface topography), it 
had an infl uence on cell behaviour. The MC3T3 - E1 had classic osteoblastic mor-
phology (long pseudopodia with good spreading), except for the Bi 2 O 3  matrix, 
where the cell morphology and spreading were modifi ed. Proliferation was the 
parameter most affected by the different types of pellet, it was greater with BCP/
Ba, lower but equal with BCP/Lu and Gd, and lower still with BCP/Bi. 

  In   situ  radiopaque evaluation of our different materials showed that the BCP/
Ba and BCP/Bi had the best contrast intensity when compared to the bone envi-
ronment (Figure  4.9 ).   

 Histological results after  in   vivo  implantation in rat epiphyses revealed 
newly - formed bone and granule resorption, and the quality of the bone ingrowth 
in contact with the materials. BCP/Ba and BCP/Gd materials had the most bone 

 TABLE  4.4.       

        density     crystal size     SSA     compression strength     Total porosity  

  MBCP    0.83   g/cc    1.5    μ m    1.7   m 2 /g    6   MPa    69%  
   MBCP2000     0.75   g/cc     0.5    μ m     1.6   m 2 /g     4   MPa     73%  

    Figure 4.9.     Radiographies of rat femoral epiphyses containing radiopaque granules after 

three weeks of implantation.  

BCP/BaSO4 BCP/Bi2O3 BCP/Lu2O3 GdPO4

 TABLE  4.6.         

   Materials     Plastic control     Act D     BCP/Ba     BCP/Bi     BCP/Lu  

   MTS activity (%) at 72   h     100     10     100     98     55  

   (SSA: specifi c surface area).   
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ingrowth quantitatively and qualitatively speaking, when compared to the 
BCP/Bi and BCP/Lu implanted materials  [61] . 

 Improved visualisation is necessary when bone defects are fi lled. The BCP/Ba 
composite has given promising results for developping a radiopaque, resorbable, 
injectable bone substitute designed for MIS, particularly in spine surgery for 
vertebroplasty.  

  4.4.4    BCP  for Resorbable Osteosynthesis 

 Following a loss of osseous substance of tumoral or traumatic origin, it is often 
necessary to restore the osseous structure associating osteosynthesis and bone 
substitute. However a second operation is required to remove the osteosynthesis 
after wound healing, otherwise the osteosynthesis (such as titanium or Peek) will 
remain in place defi nitively. Resorbable osteosynthesis has been developed using 
resorbable polymers for many years  [62 – 64] . Resorption control and higher 
osteogenic properties have improved using a combination of calcium phosphate 
granules, generally b - Tricalcium phosphate. PL DLLA polymers are resorbable 
by means of hydrolysis but are not well controlled over time. After six months, the 
hydrolysis appears in all the samples and suddenly the mechanical properties 
disappear. This uncontrolled process can appear in six or twelve months, often 
before bone ingrowth healing and mechanical stability have been attained. For 
osteosynthesis, better control of mechanical stability is required and thus pro-
mote bone ingrowth at the expense of the implant. 

 The advantage of a composite with PL DLLA and PCa is that it is possible to 
control the hydrolysis over time, to maintain the initial mechanical properties 
during bone ingrowth and then have long term mechanical properties from bone 
ingrowth at the expense of the implant. The development of composites combin-
ing PL DLLA and PCa have proved from the use of interference screws that the 
hydrolysis is controlled and delayed over time until wound healing. A recent 
study  [65,66]  reported the resorption kinetics of a composite using PL DLLA 
(Poly [L - Lactide - co - D, L - Lactide] acid) charged with PCa granules and the inter-
action with an injectable substitute such as MBCP gel. The injectable biomaterial 
was non self hardening, the biomaterial consists of BCP granules associated with 
a hydrosoluble polymer. The material was shown to be perfectly biocompatible 
and potentially resorbable and, thanks to its initial plasticity, it assumes the shape 
of the bone defects very easily, eliminating the need to shape the material to ad-
just it to the implantation site. MBCP gel has no mechanical properties and must 
be associated with osteosynthesis during the bone ingrowth process. However, 
bone cells are able to invade the spaces liberated by the disappearance of the 
polymer carrier. Bone ingrowth takes place all around the granules and at the 
expense of the resorption of the BCP granules. In time, mechanical properties 
could be observed due to the presence of the newly - formed bone  [17,67 – 69] . 
Moreover, the three - dimensional structure of the network favourably infl uenced 
recruitment, cellular differentiation, angiogenesis and the formation of bone 
tissue. 
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 PL DLLA tubes charged with 20% BCP granules (six mm in diameter and 
eight mm in length with an open internal channel of four mm) were sterilised by 
irradiation at 25   KGrays. The tubes were implanted in rabbit femoral epiphyses. 
Some implants were kept empty, and others were fi lled with MBCP gel ® . After 
six months, both samples were well - integrated into newly - formed bone. The com-
posite showed considerable resorption on the surface and bone ingrowth into the 
implant with osteoconduction at the surface of the BCP granules (Figure  4.10 ). 
The shape of the implant was signifi cantly changed by bone ingrowth at the ex-
pense of the implant. As a result, secondary mechanical properties appeared 
thanks to bone ingrowth at the expense of the composite, contrary to the pure 
polymer. In the hole of the defect, large bone ingrowth was observed at the ex-
pense of the MBCP gel.   

 Bone trabeculae and direct bone formation were observed between and at 
the surface of the BCP granules of the MBCP gel. The thickness of the newly -
 formed bone at the surface was around 300    μ m. Bone architecture and bone 
remodelling were observed only after six months of implantation. The bone 
trabeculae were perpendicular to the shell of the newly - formed bone directly in 
contact with the composite. All the surfaces evidenced by the 3D reconstruction 
were osteoconductive and supported bone formation (Figure  4.11 ).   

 Resorbable polymers such as PLLA (poly lactide acid) and poly DL lactide 
co - glycolide (PDLG) have been used in clinical applications for many years  [70] . 
It is often reported that such polymers cannot have bioabsorption kinetics that 
are adapted to bone reconstruction. The addition of a calcium phosphate like  β  -
 TCP, or calcium carbonate, improves resorption control, probably thanks to the 
release of Ca and PO 4  ions, neutralising the acid released as a result of the hydro-
lysis of the polymer. In the composite using biphasic calcium phosphate granules, 

    Figure 4.10.     MicroCT image analysis showing the bone ingrowth architecture at the expense 

of both the composite and MBCP gel.  

1 mm 
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we obtained bone growth at the expense of the composite. Histology and micro 
CT were performed to examine the bone ingrowth and the interaction with the 
injectable bone substitute. The cooperation of the two materials for the mechani-
cal performance of the composite and high osteogenic bone substitute can pro-
mote new surgical technology. 

 The hydrolysis of the PL DLLA/CaP composite had no incidence on the 
bone ingrowth at the expense of the MBCP gel. It appears that the lactic acid 
released by the hydrolysis had no effect on the osteogenic properties of the 
MBCP Gel. After 26 weeks, the composite was not fully substituted, only the sur-
face at 200 to 300    μ m appeared to have been transformed and invaded by newly -
 formed bone. The surface of the composite was osteoconductive without fi brous 
encapsulation. 

 This effi ciency can be attributed to the calcium phosphate granules inte grated 
into the PL DLLA. Certain authors attribute this process to a buffered effect of 
the calcium salts particles  [71] . PL DLLA/CaP composites will provide suitable 
resorbable osteosynthesis associated with a non hardening injectable bone substi-
tute. The PL DLLA/CaP composite can play a part in developping a concept for 
resorbable osteosynthesis and dedicated bone substitutes such as MBCP gel. The 
synergy of the two medical devices can contribute to new, less invasive, surgical 
technology, suppressing the need for a second operation to remove the osteosyn-
thesis. Initial mechanical stability will be attained thanks to the PL DLLA/CaP 
composite and major bone ingrowth with secondary mechanical properties simi-
lar to those of natural bone will be achieved over time.  

  4.4.5    BCP  Scaffolds for Bone Tissue Engineering 

 Reconstruction of large segmental bone defects is still a challenge in either ortho-
pedics or oral oncology situations. Ceramics alone have failed to provide enough 

    Figure 4.11.     MicroCT 3D reconstruction showing the hollow implant fi lled with MBCP Gel 

and bone trabeculae forming a shell at the surface of the implant with bone bridges perpen-

dicular to the implant surface.  

1 mm 
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new bone formation. Most models associate isolation from whole bone marrow 
aspirates,  ex   vivo  expansion and then an attachment of mesenchymal stem cells 
to the biomaterial. However there are several critical questions regarding the 
quality of cell population isolation, the preservation of stem cell properties after 
expansion, and, given the complexity of the model, its reproducibility in clinical 
and surgical applications  [72] . Moreover it is still a challenge in tumoral therapy, 
and few studies have focused on the use of ceramics in irradiated bone. The 
authors have previously reported good results for bone substitution with BCP 
and bone marrow grafts in pre - radiation or post - radiation conditions in animal 
studies  [73,74] . Recently Jegoux et al.  [75]  reported the association of MBCP ®  
granules with a 20/80 HA/TCP ratio, a porcine collagen membrane, and bone 
marrow for reconstruction in an irradiatepreclinical model. 

 Bone implantations were performed in rabbits. Segmental defects two cm in 
length were surgically removed from the middle height of the femur. Osteosyn-
theses were performed by two superposed steel plates. A 30    ×    40   mm resorbable 
porcine collagen membrane was placed around the defect and then completely 
fi lled with MBCP ®  granules (Figure  4.12 ).   

 External fractionated radiation delivery was initiated two weeks after im-
plantation and performed at ONCOVET (59650 Villeneuve d ’ Ascq, France). The 
delivered doses were calculated to be equivalent to those used in the treatment of 
squamous cell carcinoma in rabbits. Irradiation was strictly localised on the hind 
legs. Irradiation was delivered by low - energy photons from an X - ray source with 
energy of 300KVp (PANTAK, THERAPAX DXT 300, Gulmay Medical, UK). A 
total cumulative dose of 32   Gy was delivered at a rate of two Gy per day, four days 
per week, for four weeks. One week after radiation, an autologous BM graft was 
injected into the implanted site. One ml of BM was removed from the right 
humeral epiphysis with an 18   G needle previously heparinated (50   mg of heparin 
in 1000   ml of physiologic serum dilution) and were then immediately injected 
transcutaneously into the centre of the implants under radioscopic control. 

 Eighteen weeks after the BM injection, the implants were analysed. Ilium 
aspirate was technically more diffi cult to perform than in other sites in both spe-
cies, owing to the orientation of the cortical surface that was also covered in thick 
muscles. Physiological bone marrow cells were found in all samples and cell 
counts confi rmed that the grafts enclosed the physiological bone marrow without 
blood recovery. The global abundance of haematopoietic cells was signifi cantly 

    Figure 4.12.     Collagen membrane containing MBCP ®  granules in the defect area.  
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lower in tibial sites than in the ilium or humeral sites in dogs (p    <    0.05), whereas 
no difference was observed between any sites in rabbits. No difference was found 
between the ilium or humerus with respect to global haematopoietic cell abun-
dance and count for every lineage. The overall quantity of haematopoietic cells 
was signifi cantly lower in dogs than in rabbits for all sites (p    <    0.05). 

 Three - dimensional imaging made possible an overall examination of the im-
plants and showed a bony formation bridging the whole length of the defect in all 
implants. 2D imaging showed that newly - formed bone repartition was homoge-
neous in three implants and relatively heterogeneous in others. In the latter, new 
bone was observed essentially around the implant at the initial collagen mem-
brane location. The new bone formation was observed both around the MBCP ®  
granules and in the macropores with direct contact (Figure  4.13 ).   

 With both polarised light microscopy and SEM using BSE, the bone 
appeared well - mineralised and organised. Lamellar bone was observed directly 
in contact with the MBCP granules without fi brous interposition. From each 
host bone, the new bone formation had developed bone extremities from the 
defect to the core with osseous continuity. However, the bone ingrowth was 
not homogeneous according to the repartition in the axial section. In three im-
plants, new bone was formed both in the centre and the periphery of the implant, 
and the MBCP granules appeared totally integrated. In the other three, newly -
 formed bone was observed mainly on the periphery of the osseous defects. The 
border of the defect was fi lled with compact bone with dense, lamellar structures 
with few spaces for vessels and soft tissue. The center of the defect for these three 
implants was fi lled with few osseous trabeculae, but large amounts of haemato-
poietic precursors and blood cells were observed. Some granules had no close 
contact with new bone formation but were associated with the considerable cel-
lular content of the haematopoietic cells. This trend for peripheral trabecular 

    Figure 4.13.     SEM observations showing the newly - formed bone in close contact with MBCP 

macropores.  

0.5 mm 



BIOCERAMICS: NEW DEVELOPMENTS 123

bone formation was also observed in the fi rst three implants in which the MBCP 
granules were fi lled with both compact bone at the border, and trabecular bone 
within the granules. Neither acellular, avascular areas nor fi brous encapsulation 
was observed in either sample. No statistical difference was observed between 
the centre and the quarters of the length defect according to the ceramic and 
newly - formed bone calculated with SEM image analysis. 

 As autologous bone grafts or biomaterial alone have failed to reconstruct 
large defects, BM cells have been proposed in this indication. BM is composed of 
haematopoietic cells and mesenchymal stem cells (MSC). The latter are multi-
potent and can differentiate, among others, into an osteoblastic lineage. BM has 
been reported to contain almost one - to - two percent of cells with the potential for 
osteoblastic differentiation  [76]  and MSC osteoinduction properties have been 
well demonstrated  [77,78] . Some studies have reported several differences in the 
quantity and quality of bone marrow MSC depending on the location of the bone, 
especially between orofacial and long bone. There are also limitations for collect-
ing suffi cient BM samples because of the limited size or inaccessibility of certain 
bones. Therefore, determining an appropriate technique and most favorable site 
for BM collecting could be critical for completing experimental models. This 
study revealed that BM samples are signifi cantly less rich in the tibia than in the 
humerus and ilium in dogs while no signifi cant difference was observed in rabbits. 
BM samples are signifi cantly less rich in dogs than in rabbits (p    <    0.05). The 
humerus collecting technique appeared to be more reproducible than that of the 
ilium, essentially because it was relatively easier to approach. These signifi cant 
differences in relation to bone location and species are consistent with the need 
to better defi ne experimental models in BM - based tissue engineering. Moreover, 
comparisons of studies conducted in different animal models should be made 
with caution. 

 Few studies have focused on large segmental defects in high weight bearing 
bones. The viability of a critical size segmental defect in a rabbit femur is a chal-
lenge in itself as osteosynthesis must support physiological loading and the defect 
should not heal spontaneously until the end of the implantation delay. Two cm 
defects in rabbit femurs have been described as critical size defects at 16 weeks 
 [79,80] . The presented defect was considered to be critical and for ethical reasons 
no control group was constituted. Potential use of faster resorbable ceramics in 
bone tissue engineering have been suggested  [81]  and the authors chose a bio-
ceramic with a 20/80 HA/TCP ratio for this study. As periosteum was removed, a 
porcine collagen membrane was used to maintain the granules in the defect. 

 External radiotherapy after major bone removal and reconstruction is a 
common situation either in orthopedic and orofacial oncology. The effects of 
radiation on normal bone are well known: BM is deprived, and there is less 
vascularisation, bone ingrowth and bone remodeling  [82 – 86] . The adjunction of 
an osteogenic component to the ceramic thus appears to be necessary when bone 
formation limitation factors (large and segmental defect, maximal biomechanical 
stimulation, radiation) are cumulated. Although MSC adjunction has proved its 
effi cacy in improving bone ingrowth in these critical conditions, there are still 
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several questions regarding donor site, isolation and expansion methods, and 
stem cell behaviour. Moreover, such demanding protocols are less likely to be 
reproducible in tumoral surgery owing to waiting times and high costs. The ex-
perimental results indicated successful bone ingrowth of the composite associat-
ing MBCP ®    +   collagen membrane+ post radiation total BM graft in a critical size 
defect in rabbit femurs. Bridging of the defect with lamellar and well - organised 
bone was achieved in all animals. These observations are consistent with a biome-
chanical stimulated implant due to chosen osteosynthesis. The quantities of bone 
and ceramic were identical at the different levels of the implant, which is unusual 
in macroporous calcium phosphate bioceramics where centripetal bone colonisa-
tion is classic. These observations suggest that bone marrow grafts in the centre of 
a defect may have osteoinductive properties. Although the whole axial plane of 
the defect was not completely fi lled with newly - formed bone, a tendency for peri-
osteum - like formation was observed in most animals. The collagen membrane is 
a biocompatible barrier that also acts as a resorbable healing scaffold that can 
lead to periosteum - like tissue formation on the external bony surface  [87] . 

 This study allowed the authors to better defi ne bone tissue engineering 
models by determining the most favorable donor site — which is the humeral site 
in both dog and rabbit models — and to achieve optimal outcomes in further ir-
radiated bone regeneration studies. These fi ndings show that a composite associ-
ating a collagen membrane fi lled with MBCP ®  granules with a total autologous 
bone marrow graft injection can successfully repair a critical segmental defect in 
irradiated bone. This has signifi cant implications for the bone tissue engineering 
approach to patients with cancer - related segmental bone defects. 

 Tissue engineering for bone regeneration involves the seeding of osteogenic 
cells (that is, mesynchymal stem cells, MSC) on to appropriate scaffolds and sub-
sequent implantation of the seeded scaffolds into the bone defect. Bone marrow -
 derived mesenchymal stem cells (MSCs) are multipotential cells that are capable 
of differentiating into, at the very least, osteoblasts, chondrocytes, adipocytes, 
tenocytes, and myoblasts  [88 – 90] . From a small volume of bone marrow, MSCs 
can be isolated and culture - expanded into large numbers due to their prolifera-
tive capacity, and they maintain their functionality after culture expansion and 
cryopreservation  [91] . MSCs are thus thought to be a readily available and abun-
dant source of cells for tissue engineering applications. Several reports have 
shown the effi ciency of BCP scaffolds of different HA/ β  - TCP ratios  [92,93] .  

  4.4.6    BCP  Scaffolds with Mesenchymal Stem Cells ( MSC ) 

 Arinzeh et al.  [93]  reported a comparative study of BCP with different HA/
 β  - TCP ratios as scaffolds for human mesenchymal stem cells (hMSC) used to in-
duce bone formation. The study was designed to determine the optimum HA/
 β  - TCP ratio in BCP in combination with MSCs that would promote rapid and 
uniform bone formation  in   vivo . Their study demonstrated that the BCP scaffold 
with the lower HA/ β  - TCP ratio (20/80) loaded with hMSCs promoted the great-
est amount of bone and the new bone formed was uniformly distributed through-
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out the porous structure of the BCP scaffold. Scaffolds made from 100% HA, 
higher HA/ β  - TCP ratios and 100% TCP stimulated lesser amounts of bone 
formation at six weeks post - implantation. In this  in   vitro  study of hMSC differen-
tiation on 60/40 HA/ β  - TCP versus 20/80 HA/ β  - TCP, hMSCs had expressed osteo-
calcin, a specifi c bone marker, when grown on the 20/80 HA/TCP, without the 
presence of the osteoinductive media, by four weeks. The enhanced amount of 
bone formation for hMSC - loaded 20/80 HA/TCP  in   vivo  and apparent differen-
tiation into the bone cell phenotype, as characterised by the expression of osteo-
calcin  in   vitro  under normal culture conditions, may be due in part to the rate of 
degradation, the degradation products, and surface chemistry of 20/80 HA/ β  - TCP 
in relation to the other BCP compositions. The concentration of degradation 
products and hMSC interaction with the surface and its varying chemistries 
may be responsible for the optimal bone formation exhibited by the 20/80 
formulation. 

 The rate of degradation or resorption of HA/ β  - TCP ceramics  in   vivo  can be 
accelerated by increasing the amount of the more soluble phase, TCP. In order to 
design a scaffold that supports bone formation while gradually being replaced by 
bone, an optimum balance between the more stable HA phase and the more 
soluble  β  - TCP phase must be achieved.  

  4.4.7    BCP  Scaffolds for Growth Plate Chondrocyte Maturation 

 Recently, Teixera et al.  [46]  reported the effi ciency of an MBCP scaffold for carti-
lage regeneration. The purpose of the study was to create an  in   vitro  cartilage 
template as the transient model for  in   vivo  endochondral bone formation. This 
study reported successful growth and maturation of chondrocytes (isolated from 
chick embryonic tibia on macroporous BCP (MBCP  ®  ). The thickness of the chon-
drocyte and extracellular matrix layer increased in the presence of retinoic acid. 
Alkaline phosphatase activity and expression, proteoglycan synthesis, cbfa1 and 
type one collagen mRNA levels also increased in the presence of retinoic acid. 
This study demonstrated for the fi rst time the proliferation and maturation of 
chondrocytes, and matrix depositing on MBCP, suggesting the potential for such 
scaffolds in tissue engineering via the endochondral bone formation mechanism.  

  4.4.8    BCP  Granules and Polymers for Injectable Bioceramics 

 The need of a material for minimally invasive surgery (MIS) has led to the devel-
opment of BCP granules combined with polymers, producing injectable/mould-
able bone substitutes. Three types of injectable/mouldable bone substitutes have 
been developed. 

  4.4.8.1   Suspension.     MBCP Gel  ™   is a non self - hardening injectable bio-
material. It is composed of BCP granules associated with a hydrosoluble poly-
mer. These materials have been shown to be perfectly biocompatible and poten-
tially resorbable and, thanks to their initial plasticity, they assume the shape of 
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bone defects very easily, eliminating the need to shape the material to adjust it 
to the implantation site. MBCP gel does not have the mechanical properties of 
hydraulic bone cements. However, bone cells are able to invade the spaces cre-
ated by the disappearance of the polymer carrier (Figure  4.14 ). Bone ingrowth 
takes place all around the granules at the expense of the resorption of the BCP 
granules. In time, the mechanical properties are increased due to the presence of 
the newly - formed bone  [95 – 98] . Numerous reports both  in   vitro  and  in   vivo  have 
confi rmed the effi cacy and performance of this concept for an injectable bone 
substitute used in bone reconstruction  [99 – 103].     

  4.4.8.2   Self - Hardening Injectable - Mouldable Composite.     IBS 2  [104, 
105]  is a self - hardening composite. The BCP granules are associated with si-
lanised hydrogel HPMC - Si. The guiding principle of silanised hydrogel HPMC -
 Si is its hydrophilic and liquid property (it is viscous before being mixed with the 
calcium phosphate load and injection) and its pH - controlled reticulation process. 
The silanized hydrogel/calcium phosphate composite presented self reticulation 
obtained by the change in pH as a catalyst and with an exothermic effect. Once 
in the implantation site, in contact with the biological buffer liquids, a chemical 
reaction without additive and without any catalyst allows bridging and reticula-
tion between the various macromolecular chains. This reaction is triggered by the 
change in pH. 

 The advantage of ready - to - use mixtures is their easiness of use and the repro-
ducibility of the fi nal material. Their kinetics for osseous reconstruction can be 
fast because of the many inter - granular paths. These materials have relatively few 
intrinsic primary mechanical properties, even if the vehicles used harden by re-
ticulation. Achieving mechanical properties is secondary as it is obtained, thanks 

    Figure 4.14.     MBCP Gel after four weeks of implantation in rabbit femoral epiphyses, SEM 

using BSE showing the BCP particles (white) closely associated with bone trabeculae.  
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to rapid, physiological bone ingrowth. The use of active substances or growth 
promoters locally released by these mixtures will make possible fast, biological 
secondary hardening.   

  4.4.9    BCP /Fibrin Glue 

 The association of bioceramics (Tricos ® ) and fi brin sealants may develop the 
clinical applications of composite bone substitutes  [106] . As far as the calcium 
phosphate granules are concerned, they are not easy to handle. They are limited 
to fi lling bone cavities and are not available for bone apposition. In addition, im-
proved performances of bioceramics can be made by adding bioactive factors. In 
this context, the adjunction of a binding agent such as fi brin glue facilitates the 
stability of the granules at the site of implantation and provides the scaffold effect 
of bioceramics with additional osteogenic property. Fibrin - calcium phosphate 
composite was obtained by mixing Baxter ’ s fi brinogen, the thrombin components 
of fi brin sealant (Tisseel  ®   Baxter BioSciences BioSurgery) and TricOs  ®   granules. 
Macroporous Biphasic Calcium Phosphate TricOs  ®   is a mixture of HA/ β  - TCP in 
a 60/40 ratio. Granules of one to two mm in diameter presenting both macro-
porosity (50 – 55%) and microporosity (30 – 35%) were used. To enhance the work-
ing time, a low thrombin concentration (four U) was used. The Tisseel/TricOs 
volume ratio was one for two. Numerous preclinical studies have been performed 
in rabbits and goats, both for biocompatibility and biofonctionality using, for ex-
ample, sinus lift augmentation, and bone fi lling in long bone. Histology, histomor-
phometry and X - ray microtomography have shown the osteogenic properties of 
the composite  [106,107]  (Figure  4.15 ).    

    Figure 4.15.     Polarized light microscopy of the Tricos granules combined with fi brin glue Tis-

seel in a rabbit femoral epiphysis defect showing large bone ingrowth into the macropores 

surrounding the not yet resorbed granules.  

0.5 mm 
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  4.4.10    BCP  Granules for Drug Delivery 

 Calcium phosphate bioceramics have frequently been proposed for the adsorp-
tion of bioactive factors and Drug Delivery Systems. However recently, Smucker 
et al.  [108]  reported for the fi rst time a study demonstrating enhanced posterolat-
eral spinal fusion rates in rabbits using a synthetic peptide (B2A2 - K - NS) coated 
on to microporous granules of BCP with a 60/40 HA/TCP ratio. Different concen-
trations of the peptide (a synthetic receptor - targeted peptide that appears to am-
plify the biological response to  rh BMP - 2) were tested. This study provided more 
evidence of mature/immature bone ingrowth across the inter - transverse process 
spaces than did the controls. Microporous macroporous biphasic calcium phos-
phate granule bioceramics for peptide adsorption and local delivery seem to be a 
good compromise for future associations of osteoconductive/osteogenic pro-
perties for such bioceramics and the osteoinductive properties of peptides and 
growth factors. 

 Other kinds of drug which can be delivered are antibiotics. It is common 
practice for surgeons to mix antibiotics with bone grafts when treating infected 
bone defects or for preventing infection after surgery  [109] . Local delivery of 
antibiotics is both pharmacologically more effective and safe. Bioactive cements 
have been shown to be an ideal carrier for antibiotics for local delivery if prop-
erly formulated  [110,111] . New calcium phosphate cement has been specifi cally 
engineered to have micro - porosity, macro - porosity and resorbability for optimal 
cell adhesion, cell migration, and bone formation. Recently, the MCPC ®  reported 
in this paper was associated with gentamycin  [112] . 

 The gentamycin release profi les from the cement samples with different set-
ting times were quite similar. Both cement groups showed an initial burst of 
gentamycin release in the fi rst 24 - hours. After the initial burst, the release rate 
slowed signifi cantly, and stayed relatively constant after day seven up to the day 
28 endpoint. The amount and rate of the initial burst release was affected by the 
cement setting time. The release of gentamycin from the cement set for one hour 
showed greater variation than the cement allowed to set for 24 hours. Within the 
fi rst 24 hours, approximately 72% of the gentamycin was released from the 
cement with a one hour set time, compared to slower release of approximately 
51% of the gentamycin from the cement with a 24 hour set time. By 28 days, 
around 87% and 76% of the gentamycin had been released from the cements that 
had set for either one hour or 24 hours, respectively. The gentamycin release rates 
from both the one hour and 24 hour set - time samples were almost constant after 
day seven, averaging 59    μ g/day for the cement with a one hour set time, and 87    μ g/
day for the 24 hour set time. In our release system, therefore, these constructs are 
capable of producing gentamycin concentrations of 12    μ g/ml and 17    μ g/ml on a 
daily basis for the one hour and 24 set – time cement samples, respectively. This is 
more than one order of magnitude greater than the Minimum Inhibitory Concen-
tration (MIC) for reference strains of S. aureus, which is in the range of 0.12 –
 0.25    μ g/ml  [113] . 
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 It was interesting to note that the cement without gentamycin showed a de-
crease in ultimate compressive strength during setting from 24 to 48 hours in 
phosphate buffered saline at 37    ° C. The ultimate compressive strength dropped 
from 5.5   MPa, to 3.87   MPa, indicating that the cement had probably dissolved. 
When the gentamycin was present, the cement showed an increase in both the 
strength and modulus when the set time was extended from 24 to 48 hours. It ap-
peared that the addition of gentamycin may have delayed the dissolution of the 
cement, while allowing it to continue to set, to further increase the mechanical 
properties. 

 Owing to its unique preparation method and bioresorbability, the bioactive 
cement employed in this study may be effective as both a bone graft substitute 
and as a carrier for the local delivery of antibiotics to prevent or treat infections. 
An ideal bioactive cement can release a clinically effective amount of antibiotics 
initially, maintain a steady release of a safe dose over an extended period, and 
retain no residual amount of antibiotics after the desired treatment time is over. 
As demonstrated in this study, the MCPC  ™   bioactive cement released over 50% 
of the loaded gentamycin per cylinder, that is, 7.5   mg, in the fi rst 24 hours. A steady 
release of a therapeutically signifi cant amount of gentamycin, that is, about 60 to 
90    μ g of gentamycin per day, was maintained up to 28 days. As the MCPC  ™   is 
engineered to bioresorb and quickly develop a macroporous structure, the re-
maining amount of two - to - four mg of gentamycin per set - time sample is expected 
to discharge completely as the bioactive cement resorbs. The MCPC  ™   resorb-
able bone substitute has demonstrated its potential to be used as a carrier for the 
local delivery system for gentamycin. Future studies will expand the investigation 
to evaluate the release profi le and mechanical properties of this bioactive cement 
when loaded with other antibiotics such as tobramycin and vancomycin.   

  4.5   CLINICAL APPLICATIONS 

 BCP bioceramics of various sizes and shapes are widely used all over the world in 
maxillofacial surgery, dentistry, ENT surgery, and orthopedics. Here, the authors 
report some examples of clinical applications for MBCP. 

  4.5.1   Applications in Dentistry 

 Dental applications for BCP include prevention of bone loss after tooth extrac-
tion, repair of periodontal defects, and sinus lift augmentation  [114 – 116] . 

  4.5.1.1   Prevention of Bone Resorption.     Bone loss occurs after tooth 
extraction, causing reduction of alveolar ridge height and width resulting in 
diffi culty in fi tting dentures or placing dental implants. BCP granules with an 
HA/TCP ratio of 60/40 or 20/80 (MBCP ®  and Tribone 80 ® , respectively) were 
placed in the alveolar cavity immediately after tooth extraction and followed up 
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radiographically from zero to fi ve years, with biopsies taken at different time 
periods from six months to fi ve years  [116] . The radiographs revealed newly -
 formed bone with higher density and residual BCP granules. After six months, a 
lesser amount of BCP granules with 20HA/80TCP were observed compared to 
50HA/40TCP. In addition, during drilling, clinicians reported higher bone den-
sity without interference from residual granules. Organised and well - mineralised 
bone ingrowth was observed using micro CT and light microscopy. In all cases, 
the radiopacity of the implantation sites decreased with time indicating that re-
sorption and bone ingrowth proceeded at the expense of the BCP granules. Ob-
servation after one and fi ve years showed that alveolar ridge height had been 
maintained, compared to the control (no BCP) which showed a decrease in al-
veolar ridge height of two to fi ve mm. Five years after implantation, the resorp-
tion of the BCP was 78% for the 60/40 and 87% for the 20/80, and bone ingrowth 
38% and 32%, respectively. Resorption and bone ingrowth were not signifi cantly 
different for the BCP of different HA/TCP ratios.  

  4.5.1.2   Sinus Lift Augmentation.     The problems involved in delivering 
MBCP granules into tooth sockets has discouraged many dental surgeons. A 
recently developed product composed of MBCP granules in a polymer carrier 
provides a ready - to - use injectable bone substitute (MBCP Gel  ™  )  [95] . The os-
teoconductive potential of this innovative biomaterial has already been demon-
strated for clinical applications in an animal model with the quantifi cation of each 
component, BCP, bone and soft tissue  [17] . Macroporous BCP in a polymer car-
rier has been shown to be effective in fi lling dental sockets after tooth extraction 
because it maintained the alveolar bone crest, supported bone healing and was 
gradually substituted by bone tissue. 

  In   vivo  resorption, just like  in   vitro  dissolution, depends on chemical compo-
sition and particle size  [117] . MBCP Gel  ™   with 40 to 80    μ m BCP granules was 
used for bone regeneration around dental implants placed in fresh extraction 
sockets in a dog model  [101] . Three months after implantation, the BCP granules 
were no longer visible using SEM. In the same animal model and after the same 
implantation time, most of the BCP granules (200 to 500    μ m granules) were still 
present. In the case of nanoparticles (BCP particle size smaller than ten  μ m), 
complete and fast resorption of the BCP granules was observed, but so was sig-
nifi cant infl ammation  [51] . The particle size of the BCP (or any resorbable bioma-
terials) should thus be adapted to the clinical situation. For pre - prosthetic surgery 
large granule size compatible with injection should be used out of preference and 
for pre - implantation surgery, small granule size compatible with acceptable levels 
of infl ammation is recommended.   

  4.5.2   Applications in Orthopedics 

 BCP has been used in orthopedic applications for the last 20 years. Its effi cacy 
has been demonstrated in numerous preclinical and clinical studies  [26 – 31,118 –
 120] . Below are brief descriptions of selected clinical situations using specifi c 
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shaped blocks (custom - designed) for spine arthrodesis (cage insert) and wedges 
for tibial valgisation osteotomy. 

  4.5.2.1   Cervical Spine Arthrodesis.     Several studies have been pub-
lished using bioceramic inserts for fi lling cage fusion  [121 – 124] . Mousselard  [125]  
recently reported a clinical study of a prospective, comparative, multicentre and 
randomized study comparing iliac grafts and a macroporous BCP.  

  4.5.2.2   Anterior Cervical Fusion with  PEEK  Cage.     Peek cervical radiolu-
cent fusion cages provide immediate mechanical support after anterior cervical 
discectomy. The aim of this study was to compare the clinical effi ciency and qual-
ity of the fusion after reconstruction with an anatomically - shaped PEEK cage 
associated with an iliac crest autograft or with MBCP in the surgery of cervical 
disc. The addition of an iliac autograft makes possible an excellent fusion rate, 
but is associated with increased morbidity and persistent pain at the donor site. 
Clinical reports by Scareo prospectively comparing the two techniques has shown 
the clinical advantage of using MBCP and avoiding bone graft harvesting. Fifty -
 eight patients were selected in a multicentre, comparative and prospective study 
with 24 - month follow - up. The patients undergoing anterior cervical decompres-
sion and fusion were randomised for autologous graft or MBCP. After 24 months, 
cervical X rays showed 87% complete fusion, 13% uncertain fusion and 0% real 
pseudarthrosis in the autograft group versus 86%, 10% and 4%, respectively, in 
the MBCP group. No implant failures were recorded. These results suggest that 
the use of an insert associated with an anterior cage allows better recovery for 
patients while achieving a fusion rate similar to that of ACDF with a tricortical 
graft, and does not have the associated complications. Using an MBCP insert is 
safe and avoids potential graft site morbidity and pain in comparison with an 
autologous graft procedure.  

  4.5.2.3   High Tibial Valgisation Osteotomy ( HTO ).     Many surgical pro-
cedures have been described for high tibial valgisation osteotomy (HTO) as a 
treatment for medial femorotibial arthritis with genu varum deformity. Filling 
the cavity created by the opening has remained a problem, although various 
osteosynthetic solutions have been proposed. Bone substitutes have been used in 
a number of different cases  [126 – 128] . 

 A single centre prospective study  [129]  from December 1999 to December 
2002 was completed involving 42 patients (13 females and 29 males, average 
age 46 years) who underwent HTVO with medial addition for various types of 
deformity using custom - designed wedges made of micro - macroporous biphasic 
calcium phosphate bioceramic bone substitute and an orientable locking screw 
plate (Numelock II ® , Stryker). After one year, correction was unchanged in 
99.5% of the cases. Histological analysis showed MBCP resorption and bone 
ingrowth into the pores and at the expense of the bioceramic. Residual MBCP 
fragments showed ingrowth of trabecular and/or dense lamellar bone both on 
the surface and in the macropores. X - ray radiography and microCT revealed a 
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well - organised and mineralised structure of newly - formed bone. In spite of a cer-
tain number of fractures in the MBCP wedges during implantation, or proximal 
screws fractured without compromising the stability or post - operative correction 
angles, high bone ingrowth was reported. This study indicated that MBCP wedges 
in combination with orientable locking screws and plates are a simple, safe, and 
fast surgical technique for HTO.    

  4.6   CONCLUSION 

 The concept of biphasic calcium phosphate ceramics (BCP) is determined by an 
optimum balance between the more stable HA phase and the more soluble TCP. 
The material is soluble and gradually dissolves in the body, seeding new bone 
formation as it releases calcium and phosphate ions into the biological medium. 
As a means of promoting these events, and in order to develop calcium phosphate 
ceramics and other related biomaterials for bone grafts, a better control of the 
biomaterials resorption and bone substitution processes is needed. 

 The main attractive feature of BCP ceramic is its ability to form a direct bond 
with the host bone, resulting in a strong interface. The formation of this dynamic 
interface is the result of a sequence of events involving interaction with cells and 
the formation of carbonate hydroxyapatite CHA (similar to bone mineral) by 
means of the dissolution/precipitation processes. Associating micro and macro-
prosity with the BCP concept has resulted in high osteogenicity and osteoinduc-
tive properties. At the present time, MBCP is commercially available in blocks, 
particulates and customised designs. Specifi c matrices have been developed for 
combination with bone marrow or mesenchymal stem cells for tissue engineering 
(hybrid bone). The need for a material for Minimally Invasive Surgery (MIS) 
has led to the development of a concept for BCP granules combined with a 
polymer or calcium phosphate cement to create an injectable/mouldable bone 
substitute. 

 The challenge today will be to improve technologies for large bone defect 
reconstruction or for bone reconstruction in osteo radionecrosis, combining 
tissue engineering and scaffold. To support this challenge, studies will have to in-
crease the capacity of osteogenic and hematopietic cell growth into large samples 
(colonization), and to promote angiogenesis for living bone. 

 The second evolution of BCP concept will be the association with resorb-
able osteosynthesis for  “ orthobiologic system, ”  to avoid second surgery, time 
to remove the metal osteosynthesis after bone healing at the expense of the bio-
ceramics, or to maintain on time unresorbable bioinert materials as PEEK or 
titanium. 

 The third is the development of Minimal Invasive Surgery that required spe-
cifi c injectible bone substitute with or without self hardening; the combination 
with Hydrogels is the main research and development in the fi eld of bone substi-
tute and tissue engineering.  
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  5.1   OVERVIEW 

 At the interface of placed implant surface receiving vital tissue, there are interac-
tions between the  foreign  material and the surrounding  host  living tissue, fl uid, 
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and blood elements. Some of these are simply adaptive. Others are hazardous, 
both in the short and long terms, to the survival of the living system. For 
placed implants to exhibit biointegration to receiving hard tissue and biofunc-
tionality thereafter, there are at least three major required compatibilities. They 
include biological compatibility, mechanical compatibility, and morphological 
compatibility to receiving host tissues. In this chapter, these three compatibilities 
will be reviewed and discussed. If any surface layer of implant systems possesses 
all three required characteristics, expected outcome should be achieved with 
so - called integrated implant system. For such systems, a gradient function concept 
should be introduced, and surface layer should be fabricated with gradient func-
tional material system(s). This chapter proposes a novel, integrated implant 
system.  

  5.2   INTRODUCTION 

 Dental implants are an ideal option for people in good general oral health who 
have lost a tooth (or teeth) due to periodontal disease, an injury, or some other 
reason. Dental implants — as an artifi cial tooth root and usually made from 
commercially - pure titanium ASTM Grades 1 through 4 or Ti - based alloys — are 
biocompatible metal anchors surgically positioned in the jaw bone (in other 
words, surgically traumatized bone) underneath the gums to support an artifi cial 
crown where natural teeth are missing. Using the root form implants, the closest 
in shape and size to the natural tooth root, the non - union (due to tramatization) 
bone healing period usually varies from as few as three months to six or more. 
During this time, osseointegration occurs. The bone grows in and around the 
implant, creating a strong structural support, to which a superstructure will be 
later attached by either cemetation or a screw - tightening retaining technique. 

 Today, titanium and some of its alloys are considered to be among the most 
biocompatible materials. Titanium ’ s superiority is indicated by its preferential use 
in many recent applications in maxillofacial, oral, neuro and cardiovascular - 
surgery, as well as its increased preference in orthopedics. Moreover, titanium 
and its alloys have been successfully used for orthopedic and dental implants. 
Direct bony interface promised more predictability and longevity than previously 
used systems; hence, oral implantology gained signifi cant additional momentum. 
A carefully planned full rehabilitation of the mouth using state - of - the - art methods 
can free the patient of dental problems for decades. However, this can only be 
achieved with the complete cooperation of the patient, accompanied by regular 
supervision and care by the dental surgeon and the dental hygienist. 

 According to Binon, there are about 25 dental implants manufacturing 
companies, producing approximately 100 different titanium dental implant 
systems with a variety of diameters, lengths, surfaces, platforms, interfaces, and 
body designs. The most logical differentiation and distinctions are based on the 
implant/abutment interface, the body shape, and the implant - to - bone surface 
[Binon,  2000 ]. 
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 Why do titanium and its alloys show such good biocompatibility compared 
with other alloys? The answer to this question is generally that titanium is passive 
in aqueous solutions, and the passive fi lm that forms on titanium is stable, even 
in a biological system including chemical and mechanical environments. Such an 
interpretation is true in many cases. However, the presence of the passive fi lm is 
only part of the answer, considering the complex interfacial phenomena found 
between titanium and a biological system, in both biological and biomechanical 
environments. 

 Figure  5.1  [Oshida,  2007a ] demonstrates the uniqueness of titanium materi-
als. Along with stainless steels, titanium materials are only two types of materials 
which are widely and equally used in both engineering and medical/dental 
fi elds. From this fi gure, several important and interesting points can be derived; 
there are: 

  1.     more than three different matrix phases available, depending on amount 
of alloying elements as  α  - stabilizer or  β  - stabilizer;  

  2.     a variety of primary products available;  
  3.     all kinds of forming technology applicable;  
  4.     if required characteristics and compatibilities are satisfi ed, titanium mate-

rials can be considered as titanium biomaterials for various medical/dental 
applications, and furthermore;  

  5.     with supportive technologies, successful implants can be fabricated.      

 Figure 5.1.     Interacting map of various disciplines involved in titanium materials. 
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 This chapter discusses several important points related to successful implan-
tology and surface interactions with biological environments.  

  5.3   REQUIREMENTS FOR SUCCESSFUL IMPLANT SYSTEMS 

 The implantation of devices for the maintenance or restoration of a body func-
tion imposes extraordinary requirements on the materials of construction. Fore-
most among these is an issue of biocompatibility. There are interactions between 
the  foreign  material and the surrounding  host  living tissue, fl uid and blood ele-
ments. Some of these are simply adaptive. Others constitute a hazard, both short 
and long term, to the survival of the living system [Long et al.,  1998 ; Brunski 
et al.,  2000 ]. There are mechanical and physical properties which the material 
must provide, and a structural nature which the system should exhibit. Some of 
these govern the ability of the device to provide its intended function from a 
purely engineering viewpoint. 

 Others — such as tribology (specifi cally friction and wear), corrosion and 
mechanical compliance — signifi cantly relate to biocompatibility concerns. Human 
implantation applications impose more stringent requirements on reliability than 
does any other engineering task. In most applications, an implanted device is 
expected to function for the life of the patient. As the medical profession becomes 
more emboldened, the device lifetime must stretch to more than 30 years, if follow -
 up maintenance is carefully and thoroughly performed. Yet, there are very few 
engineering devices which have been designed to function for more than 30 years. 
It is necessary to think in terms of reliability of performance of thousands of 
devices for the lifetime of a patient and a tolerable expectation of failure of perhaps 
no more than one in one thousand [Bannon et al.,  1983 ; Brunski et al.,  2000 ]. 

 One of many universal requirements of implants, wherever they are used in 
the body, is the ability to form a suitably stable mechanical unit with the neigh-
boring hard or soft tissues. A loose (or unstable) implant may function less effi -
ciently or cease functioning completely, or it may induce an excessive tissue 
response. In either case, it may cause the patient discomfort and pain. In several 
situations, a loose implant was deemed to have failed and needed to be surgically 
removed. For a long time it has been recognized that any types of implants (for 
both dental implants and orthopedic implants), should possess a biological com-
patibility against an implant receiving surrounding hard/soft tissues. 

 There are at three least major required compatibilities for placed implants 
to exhibit biointegration to receiving hard tissue and biofunctionality thereafter. 
They include biological compatibility, mechanical compatibility, and morphologi-
cal compatibility to receiving host tissues [Oshida et al.,  1994 ; Oshida,  2000 ]. 

  5.3.1   Biological Compatibility 

 Corrosion is one of the major processes that cause problems when metals are 
used as implants in the body. Their proper application to minimize such problems 
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requires that one has an understanding of principles underlying the important 
degradative process of corrosion. Such an understanding results in proper appli-
cation, better design, choice of appropriate test methods to develop better designs, 
and the possibility of determining the origin of failures encountered in practice 
[Kruger,  1979 ; Greene,  1983 ]. 

 Titanium is a highly reactive metal and will react within microseconds to 
form an oxide layer when exposed to the atmosphere [Kasemo,  1983 ]. Although 
the standard electrode potential was reported in a range from  − 1.2 to  − 2.0 volts 
for the Ti    ↔    Ti +3  electrode reaction [Tomashov,  1966 ; CRC Handbook,  1966 ], 
due to strong chemical affi nity to oxygen, it easily produces a compact oxide fi lm, 
ensuring high corrosion resistance of the metal. This oxide, which is primarily 
TiO 2 , forms readily because it has one of the highest heats of reaction known 
( Δ H   =    − 915   kJ/mole) (for 298.16    °  ∼ 2000    ° K) [American Society for Metals,  1991 ; 
Ashby et al.,  1980 ]. It is also quite impenetrable to oxygen (since the atomic 
diameter of Ti is 0.29   nm, the primary protecting layer is only about fi ve to 20 
atoms thick) [Lautenschlager et al.,  1993 ]. The formed oxide layer adheres strongly 
to the titanium substrate surface. The average single - bond strength of the TiO 2  to 
Ti substrate was reported to be about 300   kcal/mol, while it is 180   kcal/mol for 
Cr 2 O 3 /Cr, 320   kcal/mol for Al 2 O 3 /Al, and 420   kcal/mol for both Ta 2 O 5 /Ta and 
Nb 2 O 5 /Nb [Douglass,  1995 ]. Adhesion and adhesive strength of Ti oxide to sub-
strates are controlled by oxidation temperature and thickness of the oxide layer, 
as well as the signifi cant infl uence of nitrogen on oxidation in air. In addition, 
adhesion is greater for oxidation in air than in pure oxygen [Coddet et al.,  1987 ], 
suggesting that the infl uence of nitrogen on the oxidation process is signifi cant. 

 The service conditions in the mouth are hostile, both corrosively and mechan-
ically. All intraorally placed parts are continuously bathed in saliva, an aerated 
aqueous solution of about 0.1   N chlorides, with varying amounts of Na, K, 
Ca, PO 4 , CO 2 , sulphur compounds and mucin. The pH value is normally in the 
range of 5.5 to 7.5, but under plaque deposits it can be as low as 2.0. Temperatures 
can vary  ± 36.5    ° C, and a variety of food and drink concentrations apply for 
short periods. Loads may be up to 1000   N (with normal masticatory force ranging 
from 150   N to 250   N), sometimes at impact speeds. Trapped food debris may 
decompose to create sulphur compounds, causing placed devices ’ s discoloration 
[Brockhurst,  1980 ]. With such hostile conditions, biocompatibility (biological 
compatibility) of metallic materials essentially equates to corrosion resistance 
because it is thought that alloying elements can only enter the surrounding 
organic system and develop toxic effects by conversion to ions through chemical 
or electrochemical processes. After implant placement, initial healing of the 
bony compartment is characterized by the formation of blood clots at the 
traumatized wound site, protein adsorption and adherence of polymorphonu-
clear leukocyte. Then approximately two days after placement of the implant, 
fi broblasts proliferate into the blood clot, organization begins, and an extra - 
cellular matrix is produced. Approximately one week after the implant is placed, 
appearance of osteblast - like cells and new bone is seen. New bone reaches 
the implant surface by osseoconduction, through growth of bone over the 
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surface and migration of bone cells over the implant surfaces [Steinmann, 
 1980 ]. 

 During implantation, titanium releases corrosion products — mainly titanium 
oxide or titanium hydro - oxide — into the surrounding tissue and fl uids even 
though it is covered by a thermodynamically stable oxide fi lm [Ferguson et al., 
 1962 ; Meachim et al.,  1973 ; Ducheyne et al.,  1984 ]. An increase in oxide thickness, 
as well as incorporation of elements from the extra - cellular fl uid (P, Ca, and S) 
into the oxide, has been observed as a function of implantation time [Sundgren 
et al.,  1986 ]. Moreover, changes in the oxide stoichiometry, composition, and 
thickness have been associated with the release of titanium corrosion products 
 in vitro  [Ducheyne et al.,  1988 ]. Properties of the oxide, such as stoichiometry, 
defect density, crystal structure and orientation, surface defects, and impurities 
were suggested as factors determining biological performance [Fraker et al., 
 1973 ; Albrektsson et al.,  1983 ; Albrektsson et al.,  1986 ]. 

 The performance of titanium and its alloys in surgical implant applications 
can be evaluated with respect to their biocompatibility and capability to with-
stand the corrosive species involved in fl uids within the human body [Solar,  1979 ]. 
This may be considered as an electrolyte in an electrochemical reaction. It is well 
documented that the excellent corrosion resistance of titanium materials is due 
to the formation of a dense, protective, and strongly - adhered fi lm, called a passive 
fi lm. Such a surface situation is referred to as passivity or a passivation state. The 
exact composition and structure of the passive fi lm covering titanium and its 
alloys is controversial. This is the case not only for the  “ natural ”  air oxide, but 
also for fi lms formed during exposure to various solutions, as well as those formed 
anodically. The  “ natural ”  oxide fi lm on titanium ranges in thickness from 2 - to -
 7   nm, depending on such parameters as the composition of the metal and sur-
rounding medium, the maximum temperature reached during the working of the 
metal, the surface fi nish, and so on. 

 The excellent corrosion resistance associated with titanium materials is due 
to the stability of surface titanium oxide fi lms. If such oxide fi lms possess protec-
tiveness against the hostile environments, strong adherence to the Ti substrate, 
and dense structure, they are said to be passive fi lm. To form such passive fi lms, 
chemical or electrochemical treatment is normally conducted. Oxides formed on 
Ti materials are varied with a general form; TiO X  (1    <     x     <    2). Depending on  x  
values, there are fi ve different crystalline oxides, including: 

  (1)     cubic TiO (a o    =   4.24    Å ),  
  (2)     hexagonal Ti 2 O 3  (a o    =   5.37    Å , (   =   56 ° 48 ′ ),  
  (3)     tetragonal TiO 2  (anatase) (a o    =   3.78    Å , c o    =   9.50    Å ),  
  (4)     tetragonal TiO 2  (rutile) (a o    =   4.58    Å , c o    =   2.98    Å ), and  
  (5)     orthorhombic TiO 2  (brookite) (a o    =   9.17    Å , b o    =   5.43    Å , c o    =   5.13    Å ).    

 Besides these, there are non - stoichiometric oxide (when  x  is not integral) 
and amorphous oxides. It is widely believed that, among these oxides, only rutile 
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and anatase type oxides are stable at normal conditions. Figure  5.2  summarizes 
the formation of these oxides under various forming processes [Oshida,  2007a ]. 
It is of interest to note that choice for rutile formation or anatase formation 
depends on the acidity of used electrolyte.   

 Mechanically polished (with SiC paper grit #600) commercially pure 
titanium (ASTM CpTi Grade 4) plates (10    ×    30    ×    2   mm) were variously 
chemical - treated: 

  (1)     AC: acid - treated (HF/HNO 3 /H 2 O) at room temperature for fi ve seconds,  
  (2)     AK: alkaline - treated (5   mol NaOH) at 70    ° C for 24 hours, and  
  (3)     HP: hydrogen peroxide - treated (50%) at room temperature for ten 

seconds.    

 Such chemically - treated surfaces were examined for surface roughness and 
surface contact angle measurements. Figure  5.3  shows their relationship, where 
mark  “ 4 ”  represents AC - treated surface, while marks  “ 5 ”  and  “ 7 ”  represent AK -
 treated and HP - treated surfaces, respectively.   

 It was observed that AC - treated surface shows the hydrophobic nature, while 
AK -  and HP - treated surfaces show hydrophilic character. After chemical strip-
ping surface oxide fi lms from titanium substrate, the thus isolated oxide fi lms 
were subjected to TEM (transmission electron microscopy) to identify the crys-
talline structure(s). It was also found that AC - treated hydrophobic surface oxide 
was made of only rutile type TiO 2 , while AK -  and HP - treated surfaces consisted 
of a mixture of rutile and anatase type oxides [Lim et al.,  2001 ; Oshida,  2007b ]. 

 The level of neutrophil priming and activation following implant placement 
may be linked to the development and maintenance of long - term stability and 
osseointegration [Gaydos et al.,  2000 ]. Bisphosphonate effect on neutrophil acti-
vation was furthermore examined on these differently treated surfaces. Neutro-
phils were isolated from whole blood collected from healthy human donors, on 
a double dextran gradient. Treated surfaces were incubated with 5    ×    10 5  neutro-
phils per curette. Luminol - dependent CL (chemiluminescence) was recorded for 
60 minutes (priming or infl ammatory phase), followed by secondary stimulation 
with 10  − 7    M phorbol myristate acetate at 60 minutes (activation phase) for a 

Condition Type of crystalline structure of formed titanium oxide

Physical depositon Anatase

Dry oxidation Rutile

Wet oxidation Rutile

Low pH
(acid)

High pH
(alkaline)

R + A Anatase

Solution pH

 Figure 5.2.     Types and stabilities of oxides formed on titanium materials. 
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continuous CL measurement over 120 minutes. SEM evaluation was preformed. 
Results indicated that: AK -  and HP - treated surfaces produced signifi cantly 
higher CL responses than cells for AC - treated surface (p    <    0.001); SEM evalua-
tion revealed some neutrophil attachment onto the AK -  and HP - treated sub-
strate, suggesting that cells were viable with normal function, and; these results 
indicate that both AK -  and HP - treated surfaces (which were covered with a 
mixture of rutile and anatase type TiO 2  oxide fi lms) are capable of priming neu-
trophils, when compared to AC - treated surface which was covered only with 
rutile oxide [Oshida,  2007c ]. 

 Using Auger Electron Spectroscopy (AES) to study the change in the com-
position of the titanium surface during implantation in human bone, it was 
observed that the oxide formed on titanium implants grows and takes up minerals 
during the implantation [McQueen et al.,  1982 ; Sundgren et al.,  1986 ]. The growth 
and uptake occur even though the adsorbed layer of protein is present on the 
oxide, indicating that mineral ions pass through the adsorbed protein. It was 
shown that, using Fourier Transform Infrared Refl ection Absorption Spectros-
copy (FTIR - RAS), phosphate ions are adsorbed by the titanium surface after the 
protein has been adsorbed. Using x - ray photoelectron spectroscopy (XPS) [Lied-
berg et al.,  1984 ], it was demonstrated that oxides on commercially - pure titanium 
and titanium alloys (Ti - 6Al - 4V) change into complex phosphates of titanium and 
calcium containing hydroxyl groups which bind water on immersion in artifi cial 
saliva (pH: 5.2) [Hanawa,  1991 ]. All these studies indicate that the surface oxide 
on titanium materials reacts with mineral ions, water, and other constituents of 
biofl uids, and that these reactions in turn cause a remodeling of the surface. 

 It was shown that titanium is in almost direct contact to bone tissue, sepa-
rated only by an extremely thin cell - free non - calcifi ed tissue layer. Transmission 
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 Figure 5.3.     Relationhsip between surface roughness and surface contact angle of variously 

treated commercially - pure titanium (ASTM CpT Grade 4). 
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electron microscopy revealed an interfacial hierarchy that consisted of a 20 – 40   nm 
thick proteoglycan layer within four nm of the titanium oxide, followed by col-
lagen bundles as close as 100   nm and Ca deposits within fi ve nm of the surface 
[Healy et al.,  1992a ]. To reach the steady - state interface described, both the oxide 
on titanium and the adjacent tissue undergo various reactions. The physiochemi-
cal properties of titanium have been associated with the unique tissue response 
to the materials; these include the biochemistry of released corrosion products, 
kinetics of release and the oxide stoichiometry, crystal defect density, thickness 
and surface chemistry [Healy et al.,  1992b ]. 

 As seen above, in general, the titanium passivating layer not only produces 
good corrosion resistance, but it seems also to allow physiological fl uids, proteins, 
and hard and soft tissue to come very close and/or deposit on it directly. Reasons 
for this are still largely unknown, but may have something to do with factors such 
as the high dielectric constant for TiO 2  (50 to 170 vs. 4 – 10 for alumina and dental 
porcelain), which should result in considerably stronger van der Waal ’ s bonds 
on TiO 2  than other oxides; TiO 2  may be catalytically active for a number of 
organic and inorganic chemical interactions infl uencing biological processes 
at the implant interface. The TiO 2  oxide fi lm may permit a compatible layer of 
biomolecule to attach [Br å nemark,  1985 ; Kasemo et al.,  1985 ].  

  5.3.2   Mechanical Compatibility 

 Biomechanics involved in implantology should at least include the nature of the 
biting forces on the implants, transferring of the biting forces to the interfacial 
tissues, and the interfacial tissues reaction, biologically, to stress transfer condi-
tions. Interfacial stress transfer and interfacial biology represent more diffi cult, 
interrelated problems. While many engineering studies have shown that variables 
such as implant shape, elastic modulus, extent of bonding between implant and 
bone, and so on, can affect the stress transfer conditions, the unresolved question 
is whether there is any biological signifi cance to such differences. 

 The successful clinical results achieved with osseointegrated dental implants 
underscore the fact that such implants easily withstand considerable masticatory 
loads. In fact, one study showed that bite forces in patients with these implants 
were comparable to those in patients with natural dentitions. A critical aspect 
affecting the success or failure of an implant is the manner in which mechanical 
stresses are transferred smoothly from the implant to bone. It is essential that 
neither implant nor bone be stressed beyond the long - term fatigue capacity. It is 
also necessary to avoid any relative motion that can produce abrasion of the bone 
or progressive loosening of the implants. An osseointegrated implant provides a 
direct and relatively rigid connection of the implant to the bone. 

 This is an advantage because it provides a durable interface without any 
substantial change in form or duration. There is a mismatch of the mechanical 
properties and mechanical impedance at the interface of Ti and bone. It is inter-
esting to observe that from a mechanical standpoint, the shock - absorbing action 
would be the same if the soft layer were between the metal implant and the bone. 
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In the natural tooth, the periodontum, which forms a shock - absorbing layer, is in 
this position between the tooth and jaw bone [Skalak,  1983 ]. Natural teeth and 
implants have different force transmission characteristics to bone. 

 Compressive strains were induced around natural teeth and implants as a 
result of static axial loading, whereas combinations of compressive and tensile 
strains were observed during lateral dynamic loading [Oshida,  2007a ]. Magnitude 
of strain around the natural tooth is signifi cantly lower than the opposing implant 
and occluding implants in the contra - lateral side for most regions under all 
loading conditions. It was reported that there was a general tendency for increased 
strains around the implant opposing natural tooth under higher loads and par-
ticularly under lateral dynamic loads [Hekimoglu et al.,  2004 ]. 

 By means of fi nite element (FEM) analysis, stress - distribution in bone around 
implants was calculated with and without stress - absorbing element [van Rossen 
et al.,  1990 ]. A freestanding implant and an implant connected with a natural 
tooth were simulated. For the freestanding implant, it was concluded that the 
variation in the modulus of elasticity of the stress - absorbing element had no 
effect on the stresses in bone. Changing the shape of the stress - absorbing element 
had little effect on the stresses in cortical bone. For the implant connected with 
a natural tooth, it was concluded that a more uniform stress was obtained around 
the implant with a low modulus of elasticity of the stress - absorbing element. It 
was also concluded that the bone surrounding the natural tooth showed a decrease 
in the height of the peak stresses. 

 The dental or orthopedic prostheses, particularly the surface zone thereof, 
should respond to the loading transmitting function. The placed implant and 
receiving tissues establish a unique stress - strain fi eld. Between them, there 
should be an interfacial layer. During the loading, the strain - fi eld continuity 
should be held, although the stress - fi eld is obviously in a discrete manner due 
to different values of modulus of elasticity between host tissue and foreign 
implant material. If the magnitude of the difference in modulus of elasticity is 
large, then the interfacial stress, accordingly, could become so large that the 
placed implant system will face a risky failure or detachment situation. Therefore, 
materials for implant or surface zone of implants should be mechanically compat-
ible to mechanical properties of receiving tissues to minimize the interfacial 
discrete stress. This is the second compatibility and is called as the mechanical 
compatibility. 

 Figure  5.4  [Oshida,  2007a ] compares yield strengths and modulus of elasticity 
of various biomaterials in log - log plot, where P: polymeric materials, B: bone, 
HSP: high strength polymers (such as Kevlar, Kapton, PEEK, etc.), D: dentin, 
TCP: tricalcium phosphate, HAP: hydroxyapatite, E: enamel, TI: commercially 
pure titanium (all unalloyed grades), TA: titanium alloys (e.g., Ti - 6Al - 4V), S: 
steels (e.g., 304 and 316 stainless steels), A: alumina, PSZ: partially stabilized 
zirconia, and CF: carbon fi ber, respectively.   

 From the fi gure, it is greatly surprising to note the large differences in both 
yield strength and modulus of elasticity between TI as a foreign implant material 
and B as a receiving hard tissue. Even depositing HAP onto TI surface would 
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not be a great help in terms of fi lling this large gap between two inorganic and 
organic materials. Accordingly, even the post - operation osseointegration has 
been successfully achieved; the stress fi eld in the TI - B system should be discrete, 
due to a great difference in modulus of elasticity between TI and B materials. 
This presents the challenging problem of how to fi ll such a great gap which will 
be discussed later in this chapter.  

  5.3.3   Morphological Compatibility 

 In a scientifi c article [Oshida et al.,  1994 ], it was found that the surface morphol-
ogy of successful implants has an upper and lower limitations in average rough-
ness (1 ∼ 50    μ m) and average particle size (10 ∼ 500    μ m), regardless of types of 
implant materials (either metallic, ceramics, or polymeric materials), as seen in 
Figure  5.5 . If a particle size is smaller than 10    μ m, the surface will be more toxic 
to fi broblastic cells and have an adverse infl uence on cells due to their physical 
presence independent of any chemical toxic effects. If the pore is larger than 
500    μ m, the surface does not maintain suffi cient structural integrity because it is 
too coarse. This is the third compatibility — morphological compatibility [Oshida 
et al.,  1994 ; Oshida,  2000 ].   

 It has been shown that methods of implant surface preparation can signifi -
cantly affect the resultant properties of the surface and subsequently the biologi-
cal responses that occur at the surface [Keller et al.,  1989a ; Keller et al.,  1989b ; 
Keller et al.,  1990 ]. Recent efforts have shown that the success or failure of dental 
implants can be related not only to the chemical properties of the implant surface, 

 Figure 5.4.     Yield strength versus modulus of elasticity of various biomaterials. 
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but also to its macromorphologic nature [Schroeder et al.,  1981 ; Rich et al.,  1981 ; 
Buser et al.,  1991 ]. 

 From an  in vitro  standpoint, the response of cells and tissues at implant 
interfaces can be affected by surface topography or geometry on a macroscopic 
basis [Schroeder et al.,  1981 ; Buser et al.,  1991 ], as well as by surface morphology 
or roughness on a microscopic level [Rich et al.,  1981 ; Murray et al.,  1989 ]. These 
characteristics undoubtly affect how cells and tissues respond to various types of 
biomaterials. Of all the cellular responses, it has been suggested that cellular 
adhesion is considered the most important response necessary for developing a 
rigid structural and functional integrity at the bone/implant interface [Cherhoudi 
et al.,  1988 ]. Cellular adhesion alters the entire tissue response to biomaterials 
[von Recum,  1990 ]. 

 The effect of surface roughness (Ra: 0.320, 0.490, and 0.874    μ m) of the tita-
nium alloy Ti - 6Al - 4V on the short -  and long - term response of human bone 
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 Figure 5.5.     Distribution of surface roughness of successfully implanted and clinically 
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marrow cells  in vitro  and on protein adsorption was investigated. Cell attachment, 
cell proliferation, and differentiation (alkaline phosphatase specifi c activity) were 
determined. The protein adsorption of bovine serum albumin and fi bronectin, 
from single protein solutions on rough and smooth Ti - 6Al - 4V surfaces was exam-
ined with XPS and radio labeling. It was found that: 

  1.     cell attachment and proliferation were surface roughness sensitive, and 
increased as the roughness of Ti - 6Al - 4V increased,  

  2.     human albumin was adsorbed preferentially onto the smooth substratum, 
and  

  3.     the rough substratum bound a higher amount of total protein (from 
culture medium supplied with 15% serum) and fi bronectin (10 - fold) than 
did the smooth one [Deligianni et al.,  2001 ].    

 Events leading to integration of an implant into bone, and hence determining 
the long - time performance of the device, take place largely at the interface 
formed between the tissue and the implant [Yang et al.,  2003 ]. The development 
of this interface is complex and is infl uenced by numerous factors, including 
surface chemistry and surface topography of the foreign material [Albrektsson 
et al.,  1983 ; Kasemo et al.,  1986 ; Schenk et al.,  1998 ; Masuda et al.,  1998 ; Larsson 
et al.,  2001 ]. For example, Oshida et al. treated NiTi by acid - pickling in 
HF:HNO 3 :H 2 O (1   :   1   :   5 by volume) at room temperature for 30 seconds to control 
the surface topology and selectively dissolve Ni, resulting in a Ti - enriched surface 
layer [Oshida et al.,  1992 ], demonstrating that surface topology can be relatively 
easily controlled. 

 The role of surface roughness on the interaction of cells with titanium model 
surfaces of well - defi ned topography was investigated using human bone - derived 
cells (MG63 cells). The early phase of interactions was studied using a kinetic 
morphological analysis of adhesion, spreading, and proliferation of the cells. SEM 
and double immunofl uorescent labeling of vinculin and actin revealed that the 
cells responded to nanoscale roughness with a higher cell thickness and a delayed 
apparition of the focal contacts. A singular behavior was observed on nanoporous 
oxide surfaces, where the cells were more spread and displayed longer and more 
numerous fi lopods. On electrochemically microstructured surfaces, the MG63 
cells were able to go inside, adhere, and proliferate in cavities of 30 or 100    μ m in 
diameter, whereas they did not recognize the 10    μ m diameter cavities. Cells 
adopted a three - dimensional shape when attaching inside the 30    μ m diameter 
cavities. It was concluded that nanotopography on surfaces with 30    μ m diameter 
cavities had little effect on cell morphology compared to fl at surfaces with the 
same nanostructure, but cell proliferation exhibited a marked synergistic effect 
of microscale and nanoscale topography [Zinger et al.,  2004 ]. 

 It was pointed out that surface topography played an importance on cellular 
reactions [Eriksson et al.,  2001 ]. Surface plays a crucial role in biological interac-
tions for four reasons. First, the surface of a biomaterial is the only part in contact 
with the bioenvironment. Second, the surface region of a biomaterial is almost 
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always different in morphology and composition from the bulk. Differences arise 
from molecular rearrangement, surface reaction, and contamination. Third, for 
biomaterials that do not release nor leak biologically active or toxic substances, 
the characteristics of the surface govern the biological response. And fourth, 
some surface properties, such as topography, affect the mechanical stability of 
the implant/tissue interface [Wen et al.,  1996 ]. 

 On a macroscopic level (roughness    >    10    μ m) roughness infl uences the 
mechanical properties of the titanium/bone interface, the mechanical interlock-
ing of the interface, and the biocompatibility of the material [Ratner,  1983 ; Baro 
et al.,  1986 ]. Surface roughness in the range from 10   nm to 10    μ m may also infl u-
ence the interfacial biology, since it is the same order as the size of the cells and 
large biomolecules [Kasemo,  1983 ]. Microroughness at this level includes mate-
rial defects, such as grain boundaries, steps and kinks, and vacancies that are 
active sites for adsorption, and therefore infl uence the bonding of biomolecules 
to the implant surface [Moroni et al.,  1994 ]. Microrough surfaces promote sig-
nifi cantly better bone apposition than smooth surfaces, resulting in a higher 
percentage of bone in contact with the implant. Microrough surfaces may infl u-
ence the mechanical properties of the interface, stress distribution, and bone 
remodeling [Keller et al.,  1987 ]. Increased contact area and mechanical interlock-
ing of bone to a microrough surface can decrease stress concentrations resulting 
in decreased bone resorption. Bone resorption takes place shortly after loading 
smooth surfaced implants [Pilliar et al.,  1991 ], resulting in a fi brous connective 
tissue layer, whereas remodeling occurs on rough surfaces [Gilbert et al.,  1995 ]. 

 Successful clinical performance of machine/turned CpTi implants has resulted 
in a wide - spread usage of them. However, in bone of poor quality and quantity, 
the results have not always been good, motivating the development of novel types 
of osseointegrated implants. The development of Ti implants has depended on 
new surface - processing technologies. Recently developed clinical oral implants 
have been focused on topographical changes of implant surfaces, rather than 
alterations of chemical properties [Deporter et al.,  1999 ; Buser et al.,  1999 ; Plamer 
et al.,  2000 ; Testori et al.,  2001 ; Sul,  2003 ]. These attempts may have been based 
on the concept that mechanical interlocking between tissue and implant materials 
relies on surface irregularities in the nanometer to micron level. Recently pub-
lished  in vivo  investigations have shown signifi cantly improved bone tissue reac-
tions by modifi cation of the surface oxide properties of Ti implants [Ishizawa 
et al.,  1995 ; Larsson et al.,  1997 ; Skripitz et al.,  1998 ; Fini et al.,  1999 ; Henry et 
al.,  2000 ; Sul et al.,  2001 ; Sul et al.,  2002a ; Sul et al.,  2002b ]. 

 It was found that in animal studies, bone tissue reactions were strongly rein-
forced with oxidized titanium implants, characterized by a titanium oxide layer 
thicker than 600   nm, a porous surface structure, and an anatase type of Ti oxide 
with large surface roughness compared with turned implants [Sul et al.,  2001 ; Sul 
et al.,  2002a ]. This was later supported by work done by Lim et al. [Lim et al., 
 2001 ] and [Oshida,  2007b ], who found that the alkali - treated CpTi surface was 
covered mainly with anatase type TiO 2 , and exhibited hydrophilicity, whereas the 
acid - treated CpTi was covered with rutile type TiO 2  with hydrophobicity. Besides 
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this characteristic crystalline structure of TiO 2 , it was mentioned that good osseo-
integration, bony apposition, and cell attachment of Ti implant systems [Meachim 
et al.,  1973 ; Albrektsson et al.,  1987 ] are partially due to the fact that the oxide 
layer, with unusually high dielectric constant of 50 – 117, depending on the TiO 2  
concentration, may be the responsible feature [Kasemo,  1983 ; Lausmaa,  1986 ].   

  5.4   OSSEOINTEGRATION AND BONE/IMPLANT INTERFACE 

 Broadly speaking, two types of anchorage mechanisms have been described: 
biomechanical and biochemical. Biomechanical binding is when bone in - growth 
occurs into micrometer sized surface irregularities. Realistically, the term osseo-
integration probably best describes this biomechanical phenomenon. Biochemi-
cal bonding may occur with certain bioactive materials where there is primarily 
a chemical bonding, with possible supplemental biomechanical interlocking. The 
distinct advantage with the biochemical bonding is that the anchorage is accom-
plished within a relatively short period of time, while biomechanical anchorage 
takes weeks to develop. This would clinically translate into the possibility of 
earlier restorative loading of implants. Most commercially available implants 
depend on biomechanical interlocking for anchorage. All implants must exhibit 
biomechanical as well as morphological compatibility [Albrektsson,  1983 ; Oshida 
et al.,  1994 ]. 

 Defi ning the nature of biomaterial surfaces is crucial for understanding inter-
actions with biological systems. Surface analysis requires special techniques and 
instruments considering the analysis of a 50    Å  thick region in one mm, two areas 
on the surface of a specimen that is one mm in total thickness. Devices intended 
to be implanted or interfaced intimately with living tissue may be composed of 
a variety of materials. Understanding the biological performance and effi cacy of 
these biomaterials requires a thorough knowledge of the nature of their surfaces. 
The nature of the surface can be described in terms of surface chemistry, surface 
energy, and morphology [Ratner et al.,  1987 ]. 

 The biological events occurring at the bone – implant interface are infl uenced 
by the topography, chemistry, and wettability of the implant surface, as seen in 
the above. A goal of biomaterials research has been, and continues to be, the 
development of implant materials which are predictable, controlled, guided, with 
rapid healing of the interfacial tissues, both hard and soft. The performance of 
biomaterials can be classifi ed in terms of the response of the host to the implant, 
and of the behavior of the material in the host. This is actually related to which 
side is being observed at the host (vital tissue)/foreign materials (implant) 
interface. 

 The event that occurs almost immediately upon implantation of metals, as 
with other biomaterials, is adsorption of proteins. These proteins come fi rst from 
blood and tissue fl uids at the wound site, and later from cellular activity in the 
interfacial region. Once on the surface, proteins can desorb (undenatured or 
denatured, intact or fragment), remain, or mediate tissue - implant interaction 
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[Bruck,  1991 ]. The host response to implants placed in bone involves a series of 
cell and matrix events, ideally culminating in tissue healing that is as normal as 
possible, and that ultimately leads to intimate apposition of bone to the bioma-
terials, that is, the operative defi nition of osseointegration. 

 For this intimate contact to occur, gaps that initially exist between the bone 
and implant at surgery must be fi lled initially by a blood clot, and bone damaged 
during preparation of the implant site must be repaired. During this time, unfa-
vorable conditions, such as, micromotion (a biomechanical factor) will disrupt the 
newly forming tissue, leading to formation a fi brous capsule [Bannon et al.,  1983 ]. 
The criteria for clinical success of osseointegration are based on functionality and 
compatibility, which depend on the control of several factors including: 

  (1)     biocompatible implant material using commercially pure titanium,  
  (2)     design of the fi xture; a threaded design is advocated creating a larger 

surface per unit volume as well as evenly distribution loading forces,  
  (3)     the provision of optimal prosthodontic design and implant maintenance 

to achieve ongoing osseointegration,  
  (4)     specifi c aseptic surgical techniques and a subsequent healing protocol 

which are reconcilable with the principles of bone physiology; this would 
incorporate a low heat/low trauma regimen, a precise fi t, and the two -
 stage surgery program,  

  (5)     a favorable status of host - implant site from a health and morphologic 
standpoint,  

  (6)     non - loading of the implant during healing is a basic tenet of osseointe-
gration, and  

  (7)     the defi ned macro - microscopic surface of the implant as it relates to the 
host tissue [Adell et al.,  1981 ].    

 The implantation of any foreign material in soft tissue initiates an infl amma-
tory response. The cellular intensity and duration of the response is controlled 
by a variety of mediators and determined by the size and nature of the implanted 
material, site of implantation, and reactive capacity of the host [Marchant,  1986 ]. 
Dental implants vary markedly in the topography of the surfaces that contact 
cells. Four principles of cell behavior fi rst observed in cell culture explain to some 
extent the interactions of cells and implants: 

  (1)     contact guidance aligns cells and collagen fi bers with fi ne grooves, such 
as those produced by machining,  

  (2)     rugophilia describes the tendency of macrophages to prefer rough 
surfaces,  

  (3)     the two - center effect can explain the orientation of soft connective tissue 
cells and fi bers attached to porous surfaces, and  

  (4)     haptotaxis may be involved in the formation of capsules around implants 
with low - energy surfaces [Brunette,  1988 ].    
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 Surface roughness has been shown to be an infl uencing parameter for cell 
response. Bigerele et al. [Bigerele et al.,  2002 ] compared the effect of roughness 
organization of Ti - 6Al - 4V or CpTi on human osteoblast response (proliferation 
and adhesion). Surface roughness is extensively analyzed at scales above the cell 
size (macro - roughness) or below the cell size (micro - roughness) by calculation 
of relevant classic amplitude parameters and original frequency parameters. It 
was found that the human osteoblast response on electro - erosion Ti - 6Al - 4V 
surfaces or CpTi surface was largely increased when compared to polished or 
machine - tooled surfaces after 21 days or culture, and that the polygonal morphol-
ogy of human osteoblast on these electro - erosion surfaces was very close to the 
aspects of human osteoblast  in vivo  on human bone trabeculae. It was concluded 
that electro - erosion (creating a rough surface) is a promising method for prepara-
tion of bone implant surfaces, as it could be applied to the preparation of most 
biomaterials with complex geometries. 

 Ti oxide fi lms were synthesized on Ti, Co alloy, and low - temperature isotropic 
pyrolytic carbon by the ion beam enhanced deposition technique [Pan et al.,  1997 ]. 
The amorphous non - stoichiometrical Ti oxide fi lms (TiO 2 −  x  ) were obtained. Blood 
compatibility of the fi lms was evaluated by clotting time measurement, platelet adhe-
sion investigation, and hemoplysis analysis. It was found that the blood compatibility 
of the material was improved by the coating of Ti oxide fi lms. The non - stoichiometric 
TiO 2 −  x   has n - type semiconductive properties because very few cavities exist in the 
valence band of TiO 2 −  x  ; charge transfer is diffi cult from the valence band of fi brinogen 
into the material. On the other hand, the n - type semiconductive TiO 2 −  x   with a higher 
Fermi level can decrease the work function of the fi lm, which makes electrons move 
out from the fi lm easily. As a result, it was concluded that the deposition of fi brinogen 
can be inhibited and blood compatibility improved. 

 Favorable wound healing responses around metallic implants depend on 
critical control of the surgical and restorative approaches used in dental implant 
treatments. One critical parameter that has not been biologically studied is the 
role of a clean, sterile oxide surface on an implant. This oxide surface can alter 
the cellular healing responses, and potentially the bone remodeling process, 
depending on the history of how that surface was milled, cleaned, and sterilized 
prior to placement. Phenotypic responses of rat calvarial osteoblast - like cells 
were evaluated on CpTi surfaces. These surfaces were prepared to three different 
clinically relevant surface preparations (1    μ m, 600 grit, and 50    μ m grit sand blast), 
followed by sterilization with either ultraviolet light, ethylene oxide, argon 
plasma - cleaning, or routine clinical autoclaving. It was found that osteocalcin and 
alkaline phosphatase, but not collagen expression, were signifi cantly affected by 
surface roughness when these surfaces were altered by argon plasma - cleaning, 
and that on a per - cell basis, levels of the bone - specifi c protein, ostocalcin, and 
enzymatic activity of alkaline phosphatase were highest on the smooth 1    μ m 
polished surface, and lowest on the roughest surface for the plasma - cleaned CpTi 
[Stanford et al.,  1994 ]. 

 Buser et al. [Buser et al.,  1991 ] treated CpTi surface by blasting, acid - 
treatment in HCl/H 2 SO 4 , and the HA - coating. It was reported that rough implant 
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surfaces generally demonstrated an increase in bone apposition compared to 
polished or fi ne structured surfaces; the acid treated CpTi implants had an addi-
tional stimulating infl uence on bone apposition; the HA - coated implants showed 
the highest extent of bone - implant interface, and; the HA coating consistently 
revealed signs of resorption. 

 Generally, roughened surfaces have been used as the endosseous area of 
a dental implant in order to increase the total area available for osseo - apposition. 
However, there is still considerable controversy concerning the optimal surface 
geometry and physicochemical properties for the ideal endosseous portion of 
a dental implant. Knabe et al. [Knabe et al.,  2002 ] used rat bone marrow cells 
(RBM) to evaluate different Ti and HA dental implant surfaces. The implant 
surfaces were a Ti surface having a porous Ti plasma - sprayed coating (Ti - TPS), 
a Ti surface with a deep profi le structure (Ti - DPS), an uncoated Ti substrate 
with a machined surface (Ti - ma), and a machined Ti substrate with a porous HA 
plasma - sprayed coating (Ti - HA). RSM cells were cultured on the disc - shaped 
test substrates for 14 days. The culture medium was changed daily and examined 
for Ca and P concentration. It was reported that: all tested substrates facilitated 
rat bone marrow cell growth of extra cellular matrix formation; Ti - DPS 
and Ti - TPS to the highest degree, followed by Ti - ma and Ti - HA; Ti - DPS and 
Ti - TPS displayed the highest cell density, and thus seems to be well suited for 
the endosseous portion of dental implants, and; the rat bone marrow cells 
cultured on Ti - HA showed a delayed growth pattern due to high phosphate 
ion release. 

 The modern range of medical devices presents contrasting requirements for 
adhesion in biological environments. For artifi cial blood vessels, the minimum 
adhesion of blood is mandatory, whereas the maximum blood cell adhesion is 
required at placed implant surfaces. Strong bio - adhesion is desired in many cir-
cumstances to assure device retention and immobility. Minimal adhesion is abso-
lutely essential in others, where thrombosis or bacteria adhesion would destroy 
the utility of the implants. In every case, primary attention must be given to the 
qualities of the fi rst interfacial conditioning fi lms of bio - macromolecules depos-
ited from the living systems. For instance, fi brinogen deposits from blood may 
assume different confi gurations on surfaces of different initial energies, and thus 
trigger different physiological events [Baier,  1986 ; Glantz et al.,  1986 ]. 

 Sunny et al. [Sunny et al.,  1991 ] showed that the Ti oxide fi lm on Ti signifi -
cantly affects the adsorption rate of albumin/fi brinogen. Multinucleated giant 
cells have been observed at interfaces between bone marrow and Ti implants in 
mouse femurs, suggesting that macrophage - derived factors might perturb local 
lymphopoesis, possibly even predisposing to neoplasia in the B lymphocyte 
lineage. It has been found that an implant - marrow interface with associated giant 
cells persists for at least 15 years, and that precursor B cells show early increase 
in number and proliferative activity; however, at later intervals they do not differ 
signifi cantly from controls. Rahal mentioned, in mice study, that following initial 
marrow regeneration and fl uctuating precursor B cell activity, and despite the 
presence of giant cells, Ti implants apparently become well - tolerated by directly 
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apposed bone marrow cells in a lasting state of the so - called myelointegration 
[Rahal et al.,  2000 ]. 

 Sukenik et al. [Sukenik et al.,  1990 ] modifi ed the surface of Ti by covalent 
attachment of organic monolayers anchored by a siloxane network. This coating 
completely covers the metal and allows controlled modifi cations of surface prop-
erties by the exposed chemical end - groups of the monolayer forming surfactant. 
The attachment of such a fi lm allows different bulk materials (e.g., glass and Ti) 
to have identical surface characteristics, and this can be used in regulating cell 
adhesion responses. It was found that this control over surface functionality can 
modulate the functions of fi bronectin in regulating attachment and neurite for-
mation by neuronal cells, and that the effect on bacteria adherence is achieved 
by using such monolayers to vary surface hydrophilicity is also assessed. 

 Cell adhesion is involved in various natural phenomena such as embryogen-
esis, maintenance of tissue structure, wound healing, immune response, and 
metastasis, as well as tissue integration of biomaterial [Anselme,  2000 ]. The bio-
compatibility of biomaterials is very closely related to cell behavior on contact 
with them, and particularly to cell adhesion to their surface. Surface characteris-
tics of materials (topography, chemistry or surface energy) play an essential part 
in osteoblast adhesion on biomaterials. Thus attachment, adhesion, and spreading 
belong to the fi rst phase of cell/material interactions, and the quality of this fi rst 
phase will infl uence the cell ’ s capacity to proliferate and to differentiate itself on 
contact with the implant. It is essential for the effi cacy of orthopedic or dental 
implants to establish a mechanically solid interface with complete fusion between 
the material ’ s surface and the bone tissue with no fi brous interface. Moreover, 
the recent development of tissue engineering in the fi eld of orthopedic research 
makes it possible to envisage the association of autologous cells and/or proteins 
that promote cell adhesion with osteoconductive material to create osteoinduc-
tive materials or hybrid materials. 

 Thus, a complete understanding of cell adhesion, and particularly osteoblast 
adhesion, on materials is now essential to optimize the bone/biomaterial interface 
at the heart of these hybrid materials. This includes an understanding of the 
molecules involved in bone cell adhesion, particularly regarding interaction with 
the materials, but also the need to take into account osteoblastic reaction to the 
mechanical constraints, which will be applied to implanted materials  in vivo . The 
application of non - destructive  in vivo  mechanical constraints to the cell/biomate-
rial interface permits understanding of the effects of mechanical stimulation on 
the synthesis of adhesion proteins, cell growth, and cell differentiation, and pro-
vides essential information for the development of hybrid materials. 

 To investigate the roles of compositions and properties of Ti surface oxides 
in cellular behavior of osteoblasts, the surface oxides of Ti were modifi ed in 
compositions and topography by anodic oxidation in two kinds of electrolytes, 
0.1   m H 3 PO 4  and a mixture of 0.03   M calcium glycerophosphate and 0.15   M 
calcium acetate. It was found that phosphorous (P: about 10 at%) or both Ca 
(1 – 6 at%) and P (3 – 6 at%) were incorporated into the anodized surfaces in the 
form of phosphate and calcium phosphate, and that contact angles of all the 
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anodized oxides were in the range of 60 – 90 degrees, suggesting relatively high 
hydrophobicity. It was also mentioned that cell culture experiments demon-
strated absence of cytotoxicity and an increase of osteoblast adhesion and pro-
liferation by the anodic oxides [Zhu et al.,  2004 ]. 

 Characteristics of the porous surfaces may be important in improving the 
bone in - growth into the porous coatings. Quicker and more mature interstitial 
bone formation was obtained using a porous rather than a solid structure, due to 
differences of penetration by some growth factors and bone marrow cells [Jasty 
et al.,  1993 ; Simske et al.,  1995 ; Chang et al.,  1996 ]. Li et al.  [1997]  examined the 
effect of the surface macrostructure of a dimpled CpTi implant on bone in - growth 
 in vivo  by means of histological examination and a push - out test. Dimples had 
diameters of 100, 140, and 160    μ m, and distance between dimple centers of about 
400    μ m. Cylindrical implants were inserted in one of each rabbit for one - and - a -
 half, three, and 13 months. The femur with the implant of each animal was then 
examined in a push - out test. It was found that the dimpled CpTi surface results 
in an increased retention of the implant in bone due to interlocking between vital 
bone and the dimples. 

 Nishiguchi et al. [Nishiguchi et al.,  1999 ] evaluated the bone - bonding ability 
of three differently treated samples of CpTi: as a smooth surface control; treated 
in 5   M NaOH solution for 24   hr at 60    ° C, and; plus - heated at 600    ° C for one hour. 
The plates were inserted transcortically into the proximal metaphyses of bilateral 
rabbit tibiae. The tensile failure loads between implants and bones were mea-
sured at two intervals using a detaching test. It was reported that the tensile 
failure loads of the alkali -  and alkali - heat treated group were 27 and 40   MPa, at 
8 and 16 weeks, and signifi cantly higher than those of the other Ti groups, and 
that histological examination revealed that alkali -  and heat - treated Ti was in 
direct contact with bone, but the other Ti groups had a thin intervening fi brous 
tissue. It was concluded that the alkali - treated Ti without heat treatment had no 
bone - bonding ability due to the unstable reactive surface layer of alkali - treated 
Ti, and that both alkali and heat treatment are essential for preparing bioactive 
Ti. This bioactive Ti is thought to be useful for orthopedic implants with cement-
less fi xation. 

 There is increasing attention given to the infl uence of surface condition, in 
particular, on methods to control. Strain hardening [Montero - Ocampo et al., 
 1996 ], laser - surface treatment [Villermaux et al.,  1997 ], and chemical passivation 
methods [Tr é panier et al.,  1998 ] are all well known. From histological examina-
tions, it has been found that implant loosening is generally associated with 
the formation of fi brous tissue at the bone - implant interface. To improve 
implant biocompatibility and osseointegrtaion, Ti - 6Al - 4V alloy was treated by 
passivation by immersion in 30% HNO 3  for 1   hr, or passivation in boiling distilled 
water for 10   hr [Ku et al.,  2002 ], allowing an increase in the oxide layer thickness 
of Ti - 6Al - 4V alloy used in orthopedic implants. The kinetics of gene expression 
over 120 hours was followed for 58 genes to quantify the effect of the developed 
surface treatment. Twenty - eight genes were further selected to compare the 
effects of surface treatments on osteoblasts. Based on the genes studied, a general 
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pathway for the cell reaction was proposed according to the surface treatment 
used: 

  (1)     metal ion release changes the time course of gene expression in the focal 
adhesion kinase pathway;  

  (2)     once the accumulation of metal ions released from the Ti surface exceeds 
a threshold value, cell growth is diminished and apoptosis may be 
activated;  

  (3)     protein tyrosine kinase up - regulation is also induced by metal ion release;  
  (4)     expression of the Bc1 - 2 family and Bax may suggest that metal ions 

induce apoptosis.     

  5.5   INTEGRATED IMPLANT SYSTEM 

 In order to achieve the aforementioned three requirements for successful implants 
[Oshida et al.,  1994 ] titanium implant surfaces need to be modifi ed. They can be 
treated by additive methods (to form surface convex texturing), such as the tita-
nium beads plasma spray procedure, to increase effective surface area. They have 
also been modifi ed by subtractive methods (to form surface concave texturing) 
such as acid pickling, acid etching, sandblasting, and other small particle - blasting 
to change the texture, as well as to increase the surface area. The development 
and use of these surface modifi cations have been based on the fact that an 
improved osseointegration can be achieved by increasing the topography or 
roughness of the implant surface [Klokkevold et al.,  1997 ]. Mechanical and mor-
phological compatibilities can be achieved by surface texturing by means of 
chemical, physical, mechanical or combined processes. Ti materials have modulus 
of elasticity value of about 150 – 250   GPa while bone structure has only 10 – 20   GPa, 
as seen in Figure  5.4 . Also it is already known that successful implant systems 
possess optimum surface roughness (see Figure  5.5 ), ranging from 1    μ m to 50    μ m. 
To achieve both mechanical and morphological compatibilities, new concept such 
as GAF - C/D (gradually altering function concept and design) should be taken 
into serious consideration [Jetro,  1994 ; Bogdanski et al.,  2002 ; Oshida,  2007d ]. 

 Technologies supportive to the implant developments have been well 
advanced. They should include: 

  (1)     coating (such as sol - gel coating [Kim et al.,  2004 ], plasma immersion ion 
implantation method [Maitz et al.,  2005 ], etc.),  

  (2)     laser surface engineering, including amorphous phase formation 
[Agarwal et al.,  2000 ], laser alloying [Draper et al.,  1985 ; Galerie et al., 
 1992 ], and direct laser forming [Hollander et al.,  2006 ],  

  (3)     near net shape forming (NNS) [Ringeisen et al.,  2001 ; Finke et al.,  2002 ; 
Klug et al.,  2004 ] and nanotechnology [Frosch et al.,  2004 ; Macak et al., 
 2005 ; Oh et al.,  2005 ],  



164 SCIENCE AND TECHNOLOGY INTEGRATED TITANIUM DENTAL IMPLANT SYSTEMS

  (4)     surface texturing and porous/foamed structure, including texturing 
process [NASA,  1997 ; Banks,  1997 ], macroporous Ti structure formation 
[Fujibayashi et al.,  2004 ], and  

  (5)     tissue engineering and scaffold structures and materials, including fi lm 
and 3 - D structure [Li and Chang,  2004 ; Taira et al.,  2005 ; Burgess,  2005 ; 
Lee et al.,  2005 ; Walboomers et al.,  2005 ; Ni et al.,  2006 ; Wu et al.,  2006 ], 
and elecrospinning [Hohman et al.,  2001 ; Li et al.,  2005 ; Buttafoco et al., 
 2006 ].    

 With the aforementioned supportive technologies, surfaces of dental and 
orthopaedic implants have been remarkably advanced. These applications can 
include not only ordinal implant system but also miniaturized implants, as well 
as customized implants. 

 There were two ways of implant anchorage or retention: mechanical and 
bioactive [De Putter et al.,  1986 ; Albrektsson et al.,  2004 ]. Mechanical retention 
basically refers to the metallic substrate systems such as titanium materials. The 
retention is based on undercut forms such as vents, slots, dimples, screws, and so 
on, and involves direct contact between bone and implant with no chemical 
bonding. The osseointegration depends on biomechanical bonding. The poten-
tially negative aspect with biomechanical bonding is that it is time consuming. 
Bioactive retention is achieved with bioactive materials such as HA or bioglass, 
which bond directly to bone, similar to ankylosis of natural teeth. The bioactivity 
is the characteristic of an important material which allows it to form a bond with 
living tissues. It is important to understand that bioactive implants may, in addi-
tion to chemical bonding, show biomechanical anchorage; hence a given implant 
may be anchored through both mechanisms. Bone matrix is deposited on the HA 
layer because of some type of physiochemical interaction between bone collagen 
and the HA crystals of the implant [Denissen et al.,  1986 ]. Recent research has 
further redefi ned the retention means of dental implants into the terminology of 
osseointegration versus biointegration. When examining the interface at a higher 
magnifi cation level, Sundgren et al. [Sundgren et al.,  1986 ] showed that unim-
planted Ti surfaces have a surface oxide (TiO 2 ) with a thickness of about 35   nm. 
During an implantation period of eight years, the thickness of this layer was 
reported to increase by a factor of ten. Furthermore, calcium, phosphorous, and 
carbon were identifi ed as components of the oxide layer, with the phosphorous 
strongly bound to oxygen, indicating the presence of phosphorous groups in the 
metal oxide layer. Many retrospective studies on retrieved implants, as well as 
clinical reports, confi rm the aforementioned important evidence that surface 
titanium oxide fi lm grows during the implantation period, and that calcium, 
phosphorous, carbon, hydroxyl ions, proteins, and so on, are incorporated in an 
ever - growing surface oxide even inside the human biological environments 
[Ellingsen,  1991 ; Albrektsson et al.,  2004 ]. 

 Numerous  in vitro  studies on treated or untreated titanium surfaces were 
covered and to some extent were incorporated with Ca and P ions when such 
surfaces were immersed in SBF (simulated body fl uid). Additionally, since bone 
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and blood cells are rugophilia, to accommodate for the bone growth, but also to 
facilitate such cells adhesion and spreading, titanium surfaces need to be textured 
to accomplish and show appropriate roughness. Furthermore, gradient functional 
concept (GFC) on materials and structures has been receiving special attention 
not only in industrial applications, but in dental as well as medical fi elds. Particu-
larly, when such structures and concepts are about to be applied to implants, its 
importance becomes more clinically crucial. 

 For example, the majority of implant mass should be strong and tough, so 
that occlusal force can be smoothly transferred from the placed implant to the 
receiving hard tissue. However, the surface needs to be engineered to exhibit 
some extent of roughness. From such macro - structural changes from bulk core 
to the porous case, again the structural integrity should be maintained. The GFC 
can also be applied for the purpose of having a chemical (compositional) gradi-
ent. Ca, P - enrichment is not needed in the interior materials of the implants. 
Some other modifi cations related to chemical dressing or conditioning can also 
be utilized for achieving gradient functionality on chemical alternations on sur-
faces as well as near - surface zones. 

 To summarize this chapter, the author proposes an ideal implant structure 
which is integrated by bioengineering and biomaterials science. Oshida previ-
ously proposed the four important factors and requirements for successful and 
biofunctional implant systems: biological compatibility (or, biocompatibility) 
mechanical compatibility (or mechanocompatibility), morphological compatibil-
ity, and crystallographic compatibility (or micro - morphological compatibility) 
[Oshida,  2000 ]. 

 Figure  5.6  illustrates a schematic and conceptual Ti implant which possesses 
a gradual function of mechanical and biological behaviors, so that mechanical 

 Figure 5.6.     Schematic and conceptual Ti implant with gradient mechanical and biological 

functions. 
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compatibility and biological compatibility can be realized. Since microtextured 
Ti surfaces [Masuda et al.,  1998 ; Zinger et al.,  2004 ; Leven et al.,  2004 ] and/or 
porous Ti surfaces [Jasty et al.,  1993 ; Simske et al.,  1995 ; Chang et al.,  1996 ] 
promote fi broblast apposition and bone ingrowth, the extreme left side repre-
senting the solid Ti implant body should have gradually increased internal poro-
sities towards the right side which is in contact with vital hard/soft tissue. 
Accordingly, mechanical strength of this implant system decreases gradually from 
left to right, whereas biological activity increases from left to right. Therefore, the 
mechanical compatibility can be completely achieved, and it can be easily under-
stood by referring to Figure  5.4 . Porosity - controlled surface zones can be fabri-
cated by an electrochemical technique [Aziz - Kerrzo et al.,  2001 ], polymeric 
sponge replication method [Larsson et al.,  2001 ], powder metallurgy technique, 
superplastic diffusion bonding method [Cook et al.,  1988 ], or foamed metal struc-
ture technique [Kohn et al.,  1990 ].   

 Once the Ti implant is placed in hard tissue, TiO 2  grows and increases its 
thickness [Kubaschewski et al.,  1962 ; Drath et al.,  1975 ; Root et al.,  1977 ; Tummler 
et al.,  1986 ; Sundgren et al.,  1986 ; Lausmaa et al.,  1990 ; Wisbey et al.,  1991 ; Healy 
et al.,  1992b ; Sutherland et al.,  1993 ; Eliades,  1997 ], due to more oxygen avail-
ability inside the body fl uid, as well as the co - existence of superoxidant. It is very 
important to mention here that Ti is not in contact with the biological environ-
ment, but rather there is a gradual transition from the bulk Ti material, stoichio-
metric oxide (i.e., TiO 2 ), hydrated polarized oxide, adsorbed lipoproteins and 
glycolipids, proteoglycans, collagen fi laments and bundles to cells [Healy et al., 
 1992a ]. Such gradient functional structure was also fabricated in CpTi and micro-
textured polyethylene terephthalate system [Jain et al.,  2004 ]. 

 In addition, a gradient structural system of Ti and TiN was developed [Clem 
et al.,  2006 ]. During HA coating, a gradient functional layer was successfully 
fabricated [Yamada et al.,  2001 ]. To promote these gradient functional (GF) and 
gradient structural (GS) transitions, there are many  in vivo , as well as  in vitro , 
evidences indicating that the surface titanium oxide is incorporated with mineral 
ions, water and other constituents of biofl uids [McQueen et al.,  1982 ; Liedberg 
et al.,  1984 ; Sundgren et al.,  1986 ; Hanawa,  1991 ]. Since a surface layer of TiO 2  is 
negatively charged, the calcium ion attachment can be easily achieved [Parsegian, 
 1983 ; Albrektsson et al.,  1986 ]. Retrieved Ti implants showed that surface TiO 2  
was incorporated with Ca and P ions [Uo et al.,  2001 ], while  in vitro  treatment 
of TiO 2  in extra cellular fl uids or simulated body fl uid (SBF) for prolonged 
periods of incubation time resulted in the incorporation of Ca, P, and S ions into 
TiO 2  [McQueen et al.,  1982 ; Liedberg et al.,  1984 ; Sundgren et al.,  1986 ; Wisbey 
et al.,  1991 ; Hanawa,  1991 ; Healy et al.,  1992b ; Lu et al.,  2004 ; Ng et al.,  2005 ]. 

 Without prolonged treatment, there are several methods proposed to rela-
tively short - time incubation for incorporation of Ca and P ions. For example, TiO 2  
can be electrochemically treated in an electrolyte of a mixture of calcium acetate 
monohydrate and calcium glycerophosphate [Li et al.,  2004 ]. As a result of incor-
poration of Ca and P ions, bone - like hydroxyapatite can be formed in macro - scale 
[Spriano et al.,  2005 ] or nano - dimension [Sato et al.,  2006 ]. Again for reducing 
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the incubation time, bone - like hydroxyapatite crystals can be formed by treating 
the TiO 2  surface with water and hydrogen plasma immersion ion implantation, 
followed by immersion in SBF [Xie et al.,  2005 ], or by treating in hydrogen per-
oxide followed by SBF immersion [Rohanizadeh et al.,  2004 ], or immersion in 
SBF while treating the TiO 2  surface with micro - arc oxidation and irradiation with 
UV light [Kim et al.,  2005 ]. It is also known that P ions can be incorporated into 
TiO 2  while it is immersed in the human serum [Healy et al.,  1992a ]. 

 Bony growth super - surface zones should have a same roughness as the 
roughness of receiving hard tissue through micro - porous texturing techniques. 
This area can be structured using nanotube concepts [Frosch et al.,  2004 ; Macak 
et al.,  2005 ; Oh et al.,  2005 ]. Because this zone responds strongly to osseointegra-
tion, the structure, as well as the chemistry, should accommodate favorable osteo-
inductive reactions. Bone morphogenetic protein [Jetro,  1992 ; McAlarney et al., 
 1994 ; Klinger et al.,  1996 ], and nano - apatite can be coated [Pham et al.,  2003 ]. 
The zone may be treated by femtosecond laser machining [Hollander et al.,  2006 ] 
to build a micro - scale three - dimensional scaffold which is structured inside the 
macro - porosities. Such scaffolding can be made of biodegradable material (such 
as, chitosan), which is incorporated with protein, Ca, P, apatite particles or other 
species possessing bone growth factors.  

  5.6   CONCLUSIONS 

 To meet cruicial requirements for successful implant developments and biofunc-
tionality, mechanical and morphological gaps between foreign Ti implant surface 
and host receiving hard tissue should be gradually fi lled, so that retention of osseo-
integrated implant/bone interfacial zone should be strong and stress fi eld at the 
interfacial zone can be minimized. Based on what has been done and researched 
in various implantology sectors, a new implant system was proposed.  
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  6.1   OVERVIEW 

 Injectable  in situ  cross - linkable gels are clinically highly desirable as they can be 
introduced into the body via a minimally invasive manner using endoscopic or 
percutaneous procedures. The development of ideal  in situ  gelling injectable 
system for biomedical applications that satisfy various requirements such as 
biocompatibility, and fast appropriate physical and mechanical pro perties as 
well as water content, and tunable degradation gelation kinetics is challeng-
ing. Several polymeric systems that respond to stimuli such as light, pH, 
ionic concentration, chemical/physical reaction as well as temperature are 
currently under development as injectable drug/protein/DNA delivery vehicles 
as well as cell carriers for tissue engineering. This chapter focuses on some of 
the recently developed injectable hydrogel systems that can undergo solid 
to gel transformation in response to light irradiation, chemical or physical 
reaction and temperature. Both synthetic and natural polymeric systems are 
discussed.  

  6.2   INTRODUCTION 

 Hydrogels are three - dimensional cross - linked hydrophilic polymer networks that 
have the ability to swell but do not dissolve in water. The unique swelling behav-
ior and three - dimensional structure of hydrogels are derived from specifi c cova-
lent chemical cross - links or a variety of physical cross - links (secondary forces, 
chain entanglement, crystalline formation) and therefore can be appropriately 
controlled. The interest in hydrogels for biomedical applications started during 
the later half of the twentieth centaury when Wichterle and Lim predicted the 
potential of hydrogels as unique biomaterials since they are highly compatible 
with living tissue [Wichterle and Lim,  1960 ]. Using 2 - hydroxyethyl methacrylate 
and glycol dimethacrylate as model polymers, they demonstrated the ability 
to rationally design hydrogels for biomedical applications. The study also 
demonstrated the excellent tolerance of the body towards hydrogels; the non - 
degradable hydrogels got encapsulated in a fi brous capsule without eliciting any 
irritation to the surrounding tissue upon subcutaneous implantation. These 
hydrogels were subsequently used for developing soft contact lenses and the 
biocompatibility was clinically proven. The excellent biocompatibility of hydro-
gels can be attributed to some of its unique properties as summarized by Ulijin 
et al., [Ulijin et al.,  2007 ]. These include their ability to: 

   •      Retain a large quantity of water within the matrix, enabling them to behave 
quite similar to natural living tissues [Hoffman,  2002 ].  

   •      provide a semi - wet, three - dimensional environment for molecular - level 
biological interactions [Zhang,  2004 ].  

   •      provide inert surfaces that prevent non - specifi c adsorption of proteins.  
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   •      provide a non - adhesive surface towards cells and allow for programmable 
cell adhesion upon attaching biological molecules to the hydrogel [Ratner 
et al.,  2004 ].  

   •      control the mechanical and physical properties by varying the cross - linking 
density as well as the type of cross - links.  

   •      maintain a certain extent of structural integrity and elasticity.  
   •      allow for increased diffusion of nutrients into the gel and cellular waste out 

of the gel due to the high equilibrium swelling when used as a cell delivery 
vehicle.    

 The commercial success of soft contact lenses raised signifi cant interest in 
hydrogels as biomaterials. Subsequently, a wide range of hydrogels were devel-
oped using synthetic and natural hydrophilic polymers for various biomedical 
applications such as drug, gene, and protein delivery vehicles, as unique wound 
dressing materials, as well as scaffolds for tissue engineering [Peppas and Sahlin, 
 1996 ]. Hydrogels are highly suitable as wound dressings due to their ability to 
maintain a moist wound environment, to absorb exudate drainage, to allow oxy-
gen transport, high permeability to provide appropriate medication (analgesia, 
anti - infl ammatory/antibiotics) and to be easily removed without patient discom-
fort due to their low adherence to tissue. Hydrogels, due to their highly swollen 
three - dimensional environment with large pore size, porosity and high water 
content, closely resemble the environment of native tissue extracellular matrix 
(ECM). Hydrogels are therefore considered as potential materials for developing 
scaffolds for tissue engineering. Hydrogels are also suitable as protein delivery 
vehicles due to their ECM mimicking hydrated matrix, mild gelation process and 
high permeability. 

 Several synthetic non - degradable hydrogels based on methacrylate and 
polyethylene glycols were developed following the studies of Dr. Wichterle. 
Poly(ethylene glycol) (PEG) is one of the most extensively investigated synthetic 
hydrophilic polymers for biomedical applications due to its hydrophilicity, 
good tissue compatibility, non - toxicity and availability of reactive end groups for 
chemical functionalization. Among the natural hydrophilic macromolecules 
investigated for hydrogel formation, polysaccharides form the most prominent 
members [Coviello et al.,  2007 ]. This is due to various advantages of polysaccharides 
such as non - toxicity, biocompatibility, availability in large variety of composition 
and properties, wide presence in living organisms, as well as due to the fact that 
they can be produced using recombinant DNA techniques [Coviello et al.,  2007 ]. 

 In addition to the wide range of hydrogels developed so far, these studies also 
led to the development of a major class of hydrogel system with unique stimuli 
sensitive properties for therapeutic and diagnostic applications. Stimuli sensitive 
polymers exhibit property changes in response to an external stimulus such as 
temperature, light, pH, salts, solvents, electric fi eld, chemical as well as internal 
stimulus such as biochemical agents [Hoffman,  1991 ]. Among these, polymers 
sensitive to temperature, light, chemical and biological cues are highly preferred 
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for biomedical applications. Stimuli sensitive hydrogels have been broadly classi-
fi ed into two systems: stimuli - responsive systems and stimuli - sensitive gelling 
systems. 

 Stimuli - responsive systems show marked swelling and de - swelling changes 
or degradation in response to various stimuli. The property has been used for 
controlling the release of entrapped molecules as well as pulsatile release of drugs 
or macromolecules from hydrogel depot systems. Bio - responsive hydrogels 
change properties (swelling/de - swelling, degradation) in response to selective 
biological recognition events such as nutrient, growth factor, receptor, antibody, 
enzyme or whole cell [Ulijin et al.,  2007 ]. The release of insulin from bio - respon-
sive hydrogels in response to raised blood sugar is one of the interesting systems 
developed [Fischel - Ghodsian et al.,  1988 ]. Bio - responsive hydrogels are also used 
for bio - sensing applications. Kim et al., developed a whole cell sensing system 
based on the interaction of immobilized lymphocytes with target peptides [Kim 
et al.,  2006 ]. Similarly, Hubbell et al., have developed a PEG - based ECM mim-
icking hydrogel scaffold that permits cell migration via the enzymatic cleavage of 
oligopeptides used as cross - linkers. These oligopeptides are cleavable by matrix 
metalloproteinases (MMPs), which belong to a family of enzymes that play a 
signifi cant role during tissue remodeling. The presence of oligopeptides in the 
gel allows the invading cells to degrade the hydrogels by secreting MMPs, 
facilitating complete tissue regeneration [Lutolf and Hubbell,  2005 ]. Stimuli - re-
sponsive hydrogels, therefore, fi nd applications in diagnostics, drug delivery and 
tissue regeneration. 

 In the case of stimuli - sensitive gelling systems, the aqueous polymer solution 
change into a gel in response to a particular stimulus, thus enabling the formation 
of gel  in situ . The practical biomedical applications of these materials arise from 
their injectability that allows for non - invasive treatment strategies. An injectable 
 in situ  - gelling system can be injected into a complex defect site and gelled to form 
a solid structure of exactly the same dimension. The  in situ  formed gels generally 
show increased adhesion to surrounding tissue due to the intimate contact of the 
gel with the tissue during formation and by the mechanical interlocking resulting 
from surface micro - roughness [Elisseeff et al.,  1999 ]. Biocompatible injectable 
stimuli - sensitive gelling polymers are potential biomaterials for drug delivery and 
tissue engineering applications. 

 This chapter reviews various types of injectable  in situ  gelling hydrogels cur-
rently being investigated as biomaterials, mainly for tissue regeneration with an 
emphasis on photo, chemical and thermo - gelling polymers.  

  6.3   INJECTABLE IN SITU FORMING GELS 

 Recent years saw an exponential increase in research towards developing  in situ  
gelling materials due to their considerable applicability interest in such areas 
as protein and cell carriers, implants as well as other medical devices. Their 
advantages as protein delivery vehicle include ease of formulation, high - loading 
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effi ciency, ability to deliver protein in a non - invasive manner, suitable for sensi-
tive proteins due to the mild gelling process, possibility of sustained or controlled 
protein delivery and the absence of any organic solvents. 

 Even though most of the earlier works using hydrogels were focused at using 
them as drug/protein delivery vehicles, the application of hydrogels as scaffolding 
materials for tissue engineering has attracted much attention recently. The con-
cept of  in situ  generated implant strategy is highly unique and attractive since the 
implants (either cell or factor loaded) can be processed in the operating room, 
administered using a minimally invasive surgical procedure, and can be used to fi ll 
irregularly shaped defects as the implant is formed at the defect site [Cheung 
et al.,  2007 ]. 

 Hydrophilic polymers that can undergo gelation in response to different 
types of stimuli have been developed either by modifying existing polymers or by 
specifi cally designing polymers with stimuli sensitive units along the polymer 
chain. The various stimuli of interest include light (photo - polymerizing/photo -
 gelling systems), chemical agents (chemical and ionic cross - linking systems) as 
well as environmental stimuli present under the physiological condition (tem-
perature, pH and ionic strength). 

 Visible or near ultra violet light induced photo - polymerization is one of the 
most extensively investigated  in situ  gelation process for developing injectable 
hydrogels. The photo - polymerizable systems are currently investigated for devel-
oping depot formulations [An and Hubbell,  2000 ], as biological adhesives [Ono 
et al.,  2000 ] as well as for orthopaedic tissue engineering [Elisseeff et al.,  2001 ]. 

 Various chemical as well as physical processes are being investigated that 
enable the formation of hydrogels from hydrophilic polymers. These include 
using chemical polymerization reagents [Holland et al.,  2007 ] or cross - linking 
agents as well as physical interactions between molecules. 

 Among the stimuli sensitive gelling systems, those responding to environ-
mental stimuli are considered more biocompatible as they are able to change 
from liquid aqueous solutions to gel under physiological conditions without the 
addition of any chemicals or external stimulus. Temperature sensitive gelling sys-
tems, particularly those undergoing thermal transition at or near physiological 
temperature (37    ° C), are the most extensively investigated and are the most pre-
ferred systems in this class [Ruel - Gariepy and Leroux,  2004 ]. 

  6.3.1   Photo - Gelling Polymers 

 Photo - gelling biocompatible polymers form a versatile class of injectable biomate-
rials as the aqueous polymer solution can be introduced to the desired site via 
injection followed by photo - curing  in situ  using fi ber optic cables and enabling a 
controllable as well as rapid gelation at physiological temperature and pH 
[Baroli,  2006 ]. Injectable photo - gelling systems have been extensively investigated 
as protein/cell delivery vehicles and as scaffolds for tissue engineering. 

 Different processes have been investigated to develop hydrogels from photo-
labile polymers [Fisher et al.,  2001 ]. The most extensively investigated processes 
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include developing water soluble polymers with photoactive groups that can un-
dergo cross - linking when irradiated with light of appropriate wave length and 
water soluble polymers with acrylic/methacrylic side groups that can undergo 
photo - polymerization via a radical chain polymerization mechanism initiated by 
appropriate photo - initiators. 

  6.3.1.1   Hydrogels from Polymers with Photoactive Side Groups.     These 
are mainly developed from hydrophilic polymers modifi ed with photo - labile 
groups. Due to the mild gelation conditions and absence of non - toxic by - products 
or reagents during photo - gelation, this is an attractive strategy for developing in-
jectable biomaterials. Most of the earlier studies using photo - gelling systems were 
focused to develop occlusive dressings that conform to the contour of the wound. 
Critical design criteria for these materials include fast gelation time, biocompat-
ibility and ability to gel in the presence of low intensity radiation as well as at a 
narrow range of physiologically acceptable temperatures [Lu and Anseth,  1999 ]. 

 Andreopoulos et al., have investigated unique chemical approaches to 
modify the hydrophilic, biocompatible, as well as non - degradable polymer 
 “ poly(ethylene glycol) ” (PEG) to undergo photo - assisted cross - linking to form 
hydrogels. These injectable hydrogels were investigated as enzyme immobiliza-
tion matrices, controlled drug delivery vehicles and antithrombogenic surfaces 
[Andreopoulos et al.,  1996, 1998, 1999 ]. Photo cross - linked gels were prepared 
by the intermolecular photo - dimerization of various photo - labile groups attached 
to polymers including cinnamylidene, nitrocinnamate and anthracene. The 
PEG - nitro cinnamate system was found to be much more versatile than the 
cinnamylidine system due to its better thermal as well as storage stability and 
high photo - reactivity ( ∼ 350 times) [Zheng et al.,  2001 ]. The effi cacy of PEG - 
nitrocinnamate system as a basic fi broblast growth factor delivery system was 
recently demonstrated. Long wave ultra violet radiation (365   nm) was used 
for photo - gelation and the resulting gels were found to be non - toxic to 
human neonatal fi broblast cells. The released growth factor maintained its 
activity as well as induced fi broblast proliferation and collagen production 
 in vitro  [Andreopoulos and Persaud,  2006 ]. 

 In addition to synthetic polymers, natural polymers have also been modifi ed 
to form photo - gelling systems. Ono et al., developed photo cross - linkable water 
soluble chitosan with a photoactive azide group as a biological adhesive [Ono 
et al.,  2000 ]. Chitosan, a polyglycosamine derived from crustacean exoskeleton, is 
a highly versatile polymer for chemical modifi cation due to the reactive amine 
side groups. Azide groups are unique for photo cross - linking, since upon photo -
 irradiation they will be converted into highly reactive nitrene groups which 
can under go rapid insertion reactions to form covalent cross - links. The effi cacy 
of the chitosan photo - gels was compared to fi brin glue, a clinically used bio - 
adhesive. Compared to fi brin glue, the chitosan photo - gels were more effective 
in sealing air leakage from pinholes on isolated small intestine and aorta as well 
as from incisions on isolated trachea. Moreover, the gels were found to be non -
 toxic towards human skin fi broblasts, coronary endothelial cells and smooth 
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muscle cells. The accelerating effect of chitosan - azide on wound healing was eval-
uated using a full thickness skin incision on the back of mice and subsequently 
covered with the polymer solution followed by photo - irradiation for 90   s. Signifi -
cant wound contraction, accelerated closure, and healing was observed. Histo-
logical examination demonstrated the formation of advanced granulation tissue 
and epithelialization on chitosan hydrogel treated wounds  [ Ishihara et al.,  2001 ]. 
The ability of the hydrogel to perform as a fi broblast growth factor delivery sys-
tem while functioning as a wound dressing has also been demonstrated using 
healing - impaired diabetic mice [Obara et al.,  2003 ]. 

 Another interesting photo - gelling system developed by Haines et al., employs 
a uniquely designed peptide that can self - assemble into a hydrogel by forming 
intramolecular folded conformational state [Haines et al.,  2005 ]. The peptide (2% 
w/v) when dissolved in aqueous medium remains unfolded and is stable to ambient 
light. Irradiation of solution with light  < 360   nm opens the photo - cage to trigger 
peptide folding to produce amphiphilic beta - hairpins that assemble to form a visco-
elastic hydrogel. The hydrogel was also found to be cytocompatible as evidenced 
from  in vitro  studies [Haines et al.,  2005 ]. 

 These studies demonstrate the effi cacy of photo - gelling injectable systems as 
protein delivery vehicles and wound dressings due to their mild gelation behavior 
and controllable swelling properties.  

  6.3.1.2   Hydrogels by Photopolymerization.     The most common strat-
egy for developing an injectable photo - polymerizable system is by using a 
water soluble macromer having pendant acrylate groups along the polymer chain 
or as end groups. These photo - sensitive macromers are then polymerized in the 
presence of photo initiators (with or without photo sensitizers) upon exposure 
to long wavelength ultraviolet or visible radiation. Photo - polymerization further 
provides the benefi t of spatial and temporal control of polymerization through 
controlling when and where the sample is exposed to the initiating light source. 

 One of the major concerns in developing photo - polymerizable systems 
as injectable biomaterials is the toxicity of the photo initiators. Bryant et al., 
investigated the cytocompatibility of several photoinitiators using cultured 
fi broblast cell lines [Bryant et al.,  2000 ]. Photo initiators investigated include 
UV initiators such as 2,2 - dimethoxy - 2 - phenylacetophenone (Irgacure 651), 1 - 
hydroxycyclohexyl phenyl ketone (Irgacure 184), 2 - methyl - 1 - [4 - (methylthio) 
phenyl] - 2 - (4 - morpholinyl) - 1 - propanone (Irgacure 907), and 2 - hydroxy - 1 - [4 -
 (hydroxyethoxy)phenyl] - 2 - methyl - 1 - propanone (Darocur 2959). The visible light 
initiators included camphorquinone (CQ), ethyl 4 - N,N - dimethylaminobenzoate 
(4EDMAB) and triethanolamine (TEA) and the photo sensitizer isopropyl 
thioxanthone. At low photo initiator concentrations ( < 0.01%w/w), all the initia-
tors were found to be cytocompatable except CQ, Irgacure 651 and 4EDMAB. 
When the photo initiators were coupled with low intensity initiating light 
(approximately 6   mWcm  − 2 ) of 365   nm UV light and visible light of 470 – 490   nm 
(approximately 60   mWcm  − 2 ), Darocur 2959 at concentrations  < 0.05% (w/w) and 
CQ at concentrations  < 0.01% (w/w) were found to be the most cytocompatible 
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UV and visible initiating systems, respectively. The cytocompatibility of Darocur 
2959 was further confi rmed by encapsulating chondrocytes in photo cross - linked 
PEG based gel prepared using 0.05% (w/w) Darocur 2959. When photo - 
polymerized for ten minutes with approximately 8   mWcm  − 2  of 365   nm light, 
nearly all the chondrocytes survived in Darocur 2959 initiated gels. The good 
cytocompatibility of Darocur 2959 (also known as Irgacure 2959) was further 
confi rmed using six different cell populations that are commonly used for tissue 
engineering applications [Williams et al.,  2005 ]. The study confi rmed that Irgacure 
2959 cause minimal toxicity over a broad range of mammalian cell types and 
species. However, it has to be noted that different cell types showed variable 
responses to identical concentrations of Irgacure 2959 with fast dividing cells 
being more sensitive towards the initiator. 

 Due to the availability of less - toxic photo initiators, extensive research 
has undergone to develop photo - polymerizable injectable systems. Most of the 
studies were focused on synthetic hydrophilic polymer  “ PEG. ”  The PEG - based 
polymers are highly preferred due to their availability in wide range of molecular 
weights as well as functionality, and consistent composition that allows the devel-
opment of predictable gel properties [Cushing and Anseth,  2007 ]. The feasibility 
of transdermal photo - polymerization of polyethylene oxide (PEO) has been 
demonstrated [Elisseeff et al.,  1999 ]. The study demonstrated that transdermal 
photo - polymerization through human skin is possible and is most effi cient using 
visible light in the presence of visible light photo initiators. Mathematical model-
ing predicted that only two minutes of light exposure are required to photo - 
polymerize an implant underneath human skin. The effi cacy of the system as a 
minimally - invasive injectable construct for plastic surgery, tissue engineering 
scaffolds, as well as drug delivery depots, was demonstrated using various animal 
models [Elisseeff et al.,  1999 ]. 

 One of the most extensively investigated applications for injectable photo 
cross - linkable systems is as cell delivery vehicles due to their ability to control 
gel formation, undergo gelation at milder conditions, allow localized delivery, 
protect the cells from the immediate external environment, and allow nutrient 
diffusion. Since materials that are capable of degrading  in vivo  are preferred for 
drug delivery and tissue engineering applications, most of the studies were fo-
cused on developing degradable, injectable photo cross - linking systems. Degrad-
able, injectable and photo cross - linkable gel systems are usually prepared by in-
corporating ester groups [Davis et al.,  2003 ; Sawhney et al.,  1993 ] or 
enzymatically cleavable peptide linkages in the cross - link segments [West and 
Hubbell,  1999 ; Lutolf et al.,  2003 ; Kurisawa et al.,  1995 ]. 

 Anseth, et al., demonstrated the greater effi ciency of a degradable synthetic 
photopolymerizable hydrogel compared to a non - degradable hydrogel as a con-
struct for cartilage - tissue engineering. Degradable injectable hydrogels were 
developed by photo polymerizing poly(ethylene glycol dimethacrylate) with a 
hydrolytically sensitive triblock copolymer, poly(lactic acid) -  b  - ethylene glycol) -
  b  - poly(lactic acid) with acrylate end groups. Darocur 2959 was used as the pho-
toinitiator.  In vitro  cell encapsulation studies using chondrocytes demonstrated 
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the highest production of collagen II by the encapsulated cells and homogeneous 
distribution of glycosamino glycans within the gels using degradable PEG - based 
injectable hydrogels compared to non - degradable PEG hydrogels [Bryant and 
Anseth,  2002 , Bryant et al.,  2003 ]. The feasibility of modulating the macroscopic 
properties and degradation behavior of degradable poly(ethylene glycol) hydro-
gels in order to optimize the properties of scaffolds for cartilage tissue engineer-
ing was demonstrated [Bryant et al.,  2004 ; Rice and Anseth,  2004 ]. By increasing 
the macromer concentration, gels with initial compressive moduli of 60 – 55   kPa 
were obtained and incorporation of degradable cross - links into the network 
facilitated the diffusion of proteoglycans into the extracellular regions of the 
hydrogel. Figure  6.1  is the histological sections of chondrocyte encapsulated PEG 
hydrogels with 15% macromer after eight weeks in culture showing the formation 
of proteoglycans and collagen by the encapsulated cells [Bryant et al.,  2004 ]. The 
study thus demonstrates the feasibility of tailoring the composition of the gels to 
control the degradation as well as temporal changes in the gel network structure.   

 PEG - based injectable photo cross - linkable hydrogels have also been found 
to be a potential cell carrier system for neural transplantation. Neural cells cul-
tured within the three - dimensional polymer network created their own cellular 
microenvironment to survive, proliferate and differentiate to form neurons and 
glia that are electrophysologically responsive to neurotransmitters [Mahoney and 
Anseth,  2006 ]. Also, it has been demonstrated that by changing the degradation 
time of the hydrogels, the time - scale over which neural cells extend processes can 
be tuned from one to three weeks, since upon degradation gels provide space for 
cellular processes to extend through the three dimensional matrix. Figure  6.2  
shows the spatial integration of the microtissue fl uorescently labeled with calcein -
 AM (green - live) or ethidium bromide (red - dead) in the gel after 16 days in cul-
ture [Mahoney and Anseth,  2006 ].   

 A recent study demonstrated the minimally - invasive implantation of 
PEG hydrogel and subsequent chondrogenic differentiation of encapsulated 

(A) (B)

 Figure 6.1.     Histological analysis of chondrocytes photoencapsulated in PEG hydrogels with 

15% macromer after 8 weeks  in vitro . A. Stained with Safranin - O which stains proteoglycans 

red and B. Stained with Masson trichrome which stains collagen blue ( × 200). (See color insert.) 
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mesenchymal stem cells in the subcutaneous tissue via transdermal photo polym-
erization [Sharma et al.,  2007a ]. High molecular - weight hyaluronic acid (HA) was 
used as a visco - supplement to increase the effi ciency of injections and to hold the 
solution at the injection site during photopolymerization. Injectable PEG hydro-
gel was also used to deliver transforming growth factor -  β 3 (TGF -  β 3) to induce 
chondrogenesis of the mesenchymal stem cells. The study demonstrated the fea-
sibility of forming cartilage tissue  in situ  using stem cells and appropriate inject-
able biomaterial. Figure  6.3  shows photo - polymerized hydrogel in subcutaneous 
tissue after three weeks of injection and the construct with a gross appearance 
similar to cartilage [Sharma et al.,  2007a ].   

 Apart from serving as a minimally - invasive injectable system, the versatility 
of a photo polymerization system allows for the development of multilayer 
constructs for tissue engineering. A co - culture system using bi - layered photo 
polymerized gels to organize zone specifi c chondrocytes in a stratifi ed frame work 
has been studied [Sharma et al.,  2007b ]. The bi - layered constructs were fi rst made 
by partially polymerizing the bottom layer followed by quickly adding the second 
layer and polymerizing them both. The bi - layered construct showed higher shear 
and compressive strength compared to homogeneous constructs and allowed 
separation of different cell layers to mimic the natural tissue structure [Sharma 
et al.,  2007b ]. 

 One of the disadvantages of synthetic polymeric materials such as PEG as 
scaffolds for tissue engineering is the absence of any bioactive ECM molecules on 

 Figure 6.2.     A dense plexus of processes emerged radially from aggregates to penetrate and 

grow through the hydrogel environment. Scale bar represents 20   mm. 
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PEG to provide cell - matrix interactions. A study investigated the feasibility of 
incorporating cell - adhesive peptide sequences to PEG - based hydrogels to bio-
logically modulate cell adhesion. PEG macromers containing peptide sequence 
Arg - Gly -  Asp (RGD) as well as macromers containing RGD and its synergy site 
Pro - His - Ser - Arg - Asn linked via a polyglycine sequence were used in the study to 
recapitulate the native spacing of the cell adhesive protein, fi bronectin. The 
biologically - modifi ed gels showed signifi cant increase in osteoblast cell adhesion, 
proliferation and phenotype expression, compared to cells encapsulated in un-
modifi ed PEG gel [Benoit and Anseth,  2005 ]. Similarly, several other biologically 
active injectable gels based on degradable PEG have also been developed for 
tissue engineering applications [Nuttleman et al.,  2005 ; Salinas et al.,  2007 ; Hwang 
et al.,  2006 ; Lee et al.,  2006 ]. 

 Anseth et al., have demonstrated the effi cacy of injectable photogelling PEG -
 based degradable hydrogels as protein delivery vehicles. The ability to modulate 
drug release kinetics by engineering appropriate macromers and cross - linking 
densities has been demonstrated [Anseth et al.,  2002 ]. 

 Since delivery of plasmid DNA that encodes therapeutic proteins offer 
several advantages over protein delivery, studies were performed to evaluate the 
feasibility of delivering DNA using injectable photo cross - linkable gels [Quick 
and Anseth,  2003 ]. The advantages of plasmid DNA over proteins include the 
greater stability of DNA in a wide range of environments, better processability 
as the same procedure can be applied for administrating a wide range of plasmids 
that encodes for different proteins, more control over protein release  in vivo , and 
considerable ease of production and purifi cation of plasmid DNA. An injectable 
DNA delivery system would allow the local administration of plasmid DNA, 
thereby avoiding systemic interactions which signifi cantly reduce the effi ciency 
of the process. Apart from these advantages, the localized, sustained delivery 
of DNA enables continuous transfections leading to prolonged foreign gene 

(A) (B)

 Figure 6.3.     A. Hydrogel implant after photopolymerizing in the subcutaneous tissue for 3 

weeks. B. Construct containing stem cells encapusulated in PEG hydrogel containing HA and 

TGF - B3. 
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expression allowing longer lasting therapeutic effect without repeated treatment 
[Quick and Anseth,  2003 ]. Photopolymerization has shown to increase the stabil-
ity of encapsulated plasmid DNA when administrated  in vivo . Moreover, since 
photointiatiated polymerization allows spatial and temporal control of gelation, 
the process could permit creation of patterned matrices  in vivo  with different 
concentrations of the transfecting agents as well as plasmids that encode several 
different tissue inducing proteins. 

 Even though photo gelation is a mild process, the encapsulated DNA was 
found to denature within the photo polymerized gel. It has been found that the 
denaturation of plasmid DNA is not due to the light used ( ∼ 365   nm) but due to 
the free radicals that induce photo polymerization. Later studies by Anseth et al., 
revealed that addition of radical scavengers such as vitamin C and complexing 
plasmid DNA with transfection agents (such as protamine sulfate) could preserve 
the integrity of the plasmid DNA during photo polymerization. The feasibility of 
photo cross - linkable injectable gel to encapsulate and release plasmid DNA in an 
active, supercoiled form in a sustained manner has been demonstrated. Photo 
cross - linked PEG hydrogels released DNA for periods of six to one hundred 
days, with nearly linear or delayed burst release profi les and the released DNA 
exhibited high biological activity as evidenced from cell culture studies [Quick 
and Anseth,  2004 ]. 

 Apart from synthetic polymers, several degradable natural polymers 
modifi ed with acrylic groups have been investigated as injectable photo cross -
 linkable systems for biomedical applications [Leach et al.,  2003 ]. Since natural 
polymers are present in many tissues, they provide a better biomimetic environ-
ment for tissue engineering application compared to synthetic polymers. The ef-
fi cacy of hyaluronic acid based photo cross - linked gels as a potential matrix for 
creating a tissue engineered heart valve has been demonstrated by encapsulating 
valvular interstitial cells with high viability in photo cross - linked gels. High ma-
trix and signifi cant elastin production by the encapsulated cells were observed 
after six weeks in culture [Masters et al.,  2005 ]. The effi cacy of hyaluornic acid 
injectable gels for cartilage tissue engineering has also been demonstrated 
[Nettles et al.,  2004 ]. A recent study demonstrated the effi cacy of functionalized 
chondroitin sulfate as an effi cient photo cross - linkable tissue adhesive system 
[Wang et al.,  2007 ]. Chondroitin sulfate was functionalized with methacrylate 
groups for photo cross - linking and aldehyde groups for chemically bridging the 
hydrogel to the tissue proteins.  In vitro  and  in vivo  studies (in goat models) dem-
onstrated the mechanical stability of the construct during tissue repair in cartilage 
defects [Wang et al.,  2007 ]. 

 Even though degradable injectable photo cross - linkable systems present 
unique advantages for a wide range of biomedical applications, some of the limi-
tations of the system include residual high molecular weight compounds upon gel 
degradation, mild toxicity associated with the photoinitiators, limited control 
over the network evolution mechanism during chain - growth, and also light 
attenuation by the initiators restricting the maximum attainable cure depth of 
only a few millimeters [Rydholm et al.,  2005 ; Baroli,  2006 ]. 
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 A new class of thiol - based system has been proposed to circumvent some 
of these limitations. The thiolated polymers can form degradable networks 
through Michael - addition - type reaction through acrylate, acrylamide or vinyl 
sulfone groups as well as by direct polymerization of thiol acrylates [Lutolf and 
Hubbell,  2003 ; Vernon et al.,  2003 ]. The thiol - based systems enable the formation 
of a cross - linked network with better control over the cross - link density, elimi-
nate high molecular weight degradation products as the degradable segments get 
incorporated throughout the network, could even eliminate the need for a photo-
initiator, allow samples to be cured to depths exceeding ten cm, and therefore 
have signifi cant potential as an  in situ  gelling system for cell encapsulation 
[Rydholm et al.,  2005 ]. 

 Another unique strategy to overcome the concerns of cell or tissue damage 
due to direct UV exposure is by forming an  in situ  gellable photo polymerizable 
system with a long induction period. Di - acrylated Pluoronic F127 has shown 
to have a long induction period after UV irradiation before macrosocpic gelation 
can occur. The polymer solution can therefore be injected after UV irradiation 
and will attain the gel state following injection [Lee and Tae,  2007 ]. Further 
studies on these unique injectable systems will demonstrate their potential for 
various biomedical applications.   

  6.3.2   Hydrogels Formed by Fast Chemical 
Reaction/Physical Transitions 

 The versatility of thiolated polymers allows for the development of  in situ  gelling 
polymers without using initiators. Michael type reaction has therefore been inves-
tigated to form  in situ  gels. A hyaluronic acid based hydrogel was formed  in situ  
using thiolated hyaluronic acid [Shu et al.,  2006 ]. However, the rate of gelation of 
thiolated polymers is very slow, making them less than optimal candidates as in-
jectable systems. The addition of acrylated polymers to thiolated polymers sig-
nifi cantly increased the rate of gelation, thereby making them suitable for use as 
injectable systems. Recently, Michael - addition has also been used to develop in-
jectable  in situ  forming chitosan - based hydrogels. Chitosan was functionalized 
with acrylate groups and then reacted with thiolated poly(ethylene oxide) to 
form the  in situ  forming gels [Kim et al.,  2007 ]. 

 Polymerization of acrylated polymers can also be performed without photo 
irradiation in the presence of redox reagents, such as ammonium persulfate, as 
free radical generators. Biodegradable injectable hydrogel material based on 
the oligomer  “ oligo(poly(ethylene glycol) fumarate) ”  polymerized using redox 
reagents is another class of PEG - based biomaterial developed for treating carti-
lage lesions [Holland et al.,  2005 ]. The effi cacy of the injectable hydrogel system 
as an excellent protein delivery vehicle has also been demonstrated [Park et al., 
 2005 ]. Rabbit marrow mesenchymal stem cells encapsulated in the fumarate gels 
showed the ability to differentiate into chondrocytes in the presence of slowly 
released transforming growth factor -  β 1 (TGF -  β 1). The studies demonstrate the 
potential of the system for cartilage tissue engineering [Park et al.,  2007 ]. 
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 Polymeric aldehydes derived from polysaccharides can be used for develop-
ing injectable fast gelling systems due to their chemical reactivity. Polymeric alde-
hydes are mainly developed using periodate chemistry from polysaccharides 
having vic - diols. An  in situ  gelling system formed by self cross - linking oxidized 
alginate and gelatin in the presence of small concentrations of borax without 
using any extraneous cross - linking agent has been reported [Balakrishnan and 
Jayakrishnan,  2005 ]. The fast gelling composition was found to be non - toxic as 
evidenced from  in vitro  cell culture studies. The ability of the gels to function as a 
heptocyte encapsulation matrix and as a wound dressing has been demonstrated 
[Balakrishnan et al.,  2005 ]. The evaporative water loss through the gel has been 
found to be closer to the range appropriate to maintain proper fl uid balance on 
the wound bed, indicating its potential as an injectable wound dressing. More-
over, the presence of borax has been shown to have some antibacterial properties 
promoting accelerated wound healing. 

 One of the potent applications of injectable systems is to act as barriers 
to prevent tissue adhesion following surgery or other injuries. An  in situ  gelling 
injectable hyaluronic acid - based system with marked  in vivo  anti - adhesion 
property was developed. The injectable system is based on hyaluornic acid - 
aldehyde and hyaluronic adipic dihydrazide. A fast gelation reaction occurs by 
mixing these two solutions due to the formation of a hydrazone compound. The 
system has also shown effi cacy to be used as an effective drug delivery vehicle to 
enhance biological activity  in vitro  and  in vivo  [Yeo et al.,  2007a,b ]. Apart from 
HA, several other polysaccharides have also been investigated to develop inject-
able gels using similar chemistries [Ito et al.,  2007 ]. 

 Another versatile  in situ  gelling system developed is known as  “ click gels ”  
based on  “ click chemistry. ”  Room temperature gelation happens when hyaluronic 
acid (HA) bearing azido groups is reacted with an alkyne derivative of HA in the 
presence of catalytic amounts of cuprous chloride. The gelation is due to dipolar 
cycloaddition or Huisgen reaction, a type of click chemistry process. The study 
demonstrated the feasibility of varying the cross - linking density of the gel, as well 
as the effi cacy of the gel as a drug and cell delivery vehicle [Crescenzi et al.,  2007 ]. 

 Another emerging technique for developing an  in situ  gelling system is based 
on enzyme - catalyzed cross - linking reaction. Several cross - linking systems using 
polymers containing glutaminamide and amines in the presence of transgluta-
minase (TG) and calcium ions as co - factors have been developed [Sperinde and 
Griffi th,  1997 ; Sanborn et al.,  2002 ; McHale et al.,  2005 ]. A glutaminamide - 
functionalized poly(ethylene glycol) and poly(lysine - co - phenylalanine) was used 
by Sperinde and Griffi th to form injectable gels in the presence of TG. TG medi-
ated covalent cross - linking occurs via the formation of an amide linkage between 
the carboxy amide groups of peptidyl glutamine residues and primary amine of 
lysine residues. Several synthetic and natural polymers functionalized with tyra-
mine, tyrosine or aminophenol side groups are currently under development that 
can form  in situ  gels by phenol or aniline derivative coupling using hydrogen per-
oxide as an oxidant catalyzed by horseradish perodidase (HRP) [Sofi a et al.,  2002 ; 
Kurisawa et al.,  2005 ; Kobayashi et al.,  2001 ; Jin et al.,  2007 ]. 
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 Several protein - based self - assembling hydrogels are currently being investi-
gated as unique, injectable biomaterials for wide range of applications. Most of 
these proteins/peptides self assemble in the presence of appropriate stimuli to 
form nanostructured matrices highly suitable for tissue engineering applications. 
A self - assembling peptide composed of typically 8 – 16 amino acids has been 
developed as an injectable system [Zhang,  2003 ]. The peptide will be in solution 
at low pH and osmolarity but rapidly assemble to form fi bers of  ∼ 5 – 10   nm in 
diameter at physiological pH and osmolarity. The gels formed were found to be 
highly cytocompatible towards many types of mammalian cells [Holmes et al., 
 2000 ; Semino et al.,  2003 ; Davis et al.,  2005 ]. The potential of these injectable self -
 assembling gels as drug delivery vehicles has also been demonstrated [Nagai 
et al.,  2006 ]. The studies demonstrate the versatility of chemical cross - linking sys-
tems as injectable biomaterials for biomedical applications.  

  6.3.3   Thermogelling Polymers 

 Thermogelation is one of the most favored and extensively investigated strategies 
for developing  in situ  gelling polymers. Pluoronics and various PEG - based poly-
mers form the most widely investigated thermogelling polymers. Pluoronics 
present several advantages such as mild processing and gelling process, ability 
to increase the stability of encapsulated proteins, and good biocompatibility. 
The biomedical applications of Pluoronics based polymers as a drug or macro-
molecular delivery vehicle have been reviewed [Ruel - Gariepy and Leroux,  2004 ]. 
However, the low mechanical integrity of the gel, non - degradability, limited 
stability with quick dissolutions and high permeability limits its biomedical 
application [Liu et al.,  2007 ]. 

 Several degradable block co - polymers with hydrolytically sensitive blocks 
such as poly(lactic acid/glycolic acid) or poly(caprolactone) as the hydrophobic 
units and poly(ethylene glycol) as the hydrophilic units were therefore developed 
[Cohn et al.,  2006 ; Jeong et al.,  2000 ; Chen et al.,  2005 ]. The thermogelling 
properties, combined with their biocompatibility and biodegradability, make 
these polymers potential candidates for various applications. Furthermore, these 
polymers have signifi cant potential as injectable drug delivery vehicles due to 
the ability of these polymers to solubilize highly hydrophobic drugs. 

 Another unique approach to incorporate thermogelling properties to macro-
molecules is by grafting PEG to various polymers. Bhattarai et al. were able to 
develop thermo - reversible hydrogels from chitosan functionalized with PEG. 
PEG grafting signifi cantly increased the solubility of chitosan at neutral pH and 
enabled gelation at physiological pH [Bhattarai et al.,  2005a,b ]. However, further 
cross - linking using genipin has been suggested for developing protein delivery 
vehicles due to the high permeability of the PEG - grafted gels. Mikos et al. have 
developed a thermosensitve triblock copolymeric system by combining methoxy 
poly(ethylene glycol) with poly(propylene fumarate). The system provides the 
additional advantage of further chemical cross - linking using fumarate double 
bonds. The thermogels are being evaluated as chondrocyte delivery vehicles 
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[Behravesh et al.,  2002 ; Fisher et al.,  2004 ]. PEG - grafted polyphosphazenes form 
another class of injectable biodegradable hydrogels developed for biomedical 
applications. The unique feature of these hydrogels is that the versatility of 
polyphosphazenes would enable the development of systems with controllable 
degradation and release profi les for drug/cell delivery applications [Sohn et al., 
 2004 ; Park and Song.,  2006 ; Kang et al.,  2006a,b ]. 

 Another non - degradable polymer extensively investigated as a thermogel-
ling system is based on Poly(N - isopropylacryamide) (pNiPAAm) or its copoly-
mers [Schild,  1992 ]. The low biocompatibility and non - degradability of the 
homo - polymer limits the  in vivo  applications of pNiPAAm; however, several 
copolymeric systems are currently under evaluation as potential injectable ther-
mosensitve polymers. A promising system recently developed is a copolymer of 
NiPAAm with water - soluble chitosan. The polymer has shown to undergo gela-
tion at 37    ° C and the effi cacy of the system as a cell delivery vehicle has also been 
demonstrated. The feasibility of using the system for the minimally invasive treat-
ment of vesicouretral refl ux with an endoscopic procedure through a single injec-
tion has been suggested [Cho et al.,  2004 ]. Copolymer of NiPAAm with gelatin 
has also been investigated as a thermogelling injectable biodegradable system for 
cell encapsulation. Encapsulated smooth muscle cells showed high proliferation 
and matrix synthesis in the case of gels with high pNiPAAm to gelatin ratio 
presumably due to the hydrophobicity of NiPAAm units leading to larger aggre-
gates within the matrix and thereby providing high porosity and pore size struc-
ture to the matrix [Ohya et al.,  2005 ]. 

 Many natural polymers exhibit innate thermosensitve gelation process and 
therefore have been investigated as  in situ  gelling systems. Methyl cellulose is 
a biocompatible polysaccharide that exhibits thermo gelling properties. The 
thermogelation of methyl cellulose has been attributed to the hydrophobic 
interaction between polymeric molecules containing methoxy groups. As the 
temperature of the aqueous solution of the polymer increases to 37    ° C, hydrogen 
bonds between the polymer and surrounding solvent break, and hydrophobic in-
teraction between the polymer chains led to gel formation. This simple sol – gel 
transition in methyl cellulose has been used for developing injectable biomateri-
als. A fast gelling, injectable system was developed by blending methyl cellulose 
with HA (to take advantage of the unique visocoelastic properties of HA) for 
intrathecal delivery of bioactive molecules [Gupta et al.,  2006 ; Shoichet et al., 
 2007 ]. Bioactive methyl cellulose derivatives were also prepared by chemically 
grafting protein to methyl cellulose backbone after periodate oxidation. The 
oxidized and functionalized methyl cellulose promoted neuronal adhesion, 
proliferation and viability and hence has potential for neuronal tissue engineer-
ing [Stabenfeldt et al.,  2006 ]. 

 Hydroxy butyl chitosan (HBC) is another class of temperature - sensitive 
water soluble polysaccharide that is attracting signifi cant attention. Dang et al. 
evaluated the feasibility of encapsulating mesenchymal stem cells and interverte-
bral disk cells in rapidly gelling HBC composition as an injectable matrix/cell 
therapeutic for treating degenerative disk disease. The gels maintained a certain 
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extent of mechanical integrity and the encapsulated cells proliferated and produced 
a matrix within the gel during a period of up to two weeks [Dang et al.,  2006 ]. 

 Another chitosan - based thermogelling system that is attracting signifi cant 
attention is chitosan - glycerophosphate mixture [Chenite et al.,  2000 ;  2001 ]. The 
uniqueness of the system lies in the transformation of pH - gelling cationic chito-
san solution into a thermally sensitive, pH - dependent gel forming solution capa-
ble of gelling at physiological temperature without any chemical modifi cation or 
cross - linking. To produce thermo - gelling solution, polyols bearing single anionic 
groups such as glycerol - , sorbitol, fructose or glucose - phosphate salts are slowly 
added to a chitosan solution at a low temperature. The mechanism of gelation has 
been attributed to a combination of favorable hydrogen bonding, electrostatic 
interactions and hydrophobic interactions between polymer chains and with the 
polyols. The thermogelling chitosan - glycerophosphate solution can be easily 
administered endoscopically within the body or through injections to form  in situ  
gelling systems. The injectable system has been found to form homogeneous gel 
implants after injection in many body compartments — subcutaneously, intrarticu-
larly, intra - muscularly, as well as in bone and cartilage defects. The good cytocom-
patibility of the gel was established using  in vitro  cell culture studies. The 
mild gelling process of chitosan – glycerophosphate makes it a potential delivery 
vehicle for bioactive proteins. A study investigated the effi cacy of chitosan - 
glycerophosphate to deliver BMP - 2 ectopically in a subcutaneous pouch in rats. 
Figure  6.4  shows the feasibility of chitosan - glycerophosphate to subcutaneously 
deliver active BMP - 2, leading to de novo cartilage and bone formation in an 
ectopic site [Chenite et al.,  2000 ].   

 Chitosan - glycerophosphate solution, when mixed with whole blood, has 
shown to coagulate  in situ  within 15 minutes when applied to cartilage defects 
 in vivo  [Hoemann et al.,  2007 ]. Furthermore, the chitosan - glycerophosphate -
 blood mixture was found to have tissue adhesivity with minimal gel shrinkage, 
showing its potential as an injectable scaffold for cartilage tissue engineering. The 
chitosan - glycerophosphate - blood mixture has also been investigated to treat 
marrow - stimulated chondral defects in rabbit and sheep cartilage repair models. 
The application of chitosan - glycerophosphate - blood has been found to signifi -
cantly increase more cellular and hyaline repair leading to cartilage repair well 
integrated with a porous subchondral bone structure compared to marrow stimu-
lation alone [Hoemann et al.,  2005 ]. The increased healing of chondral defects 
using chitosan - glycerophosphate - blood has been attributed to greater levels of 
provisional tissue vascularization and bone remodeling activity due to the pres-
ence of  in situ  gels [Chevrier et al.,  2007 ]. 

 This author ’ s laboratory has developed a similar injectable thermo - gelling 
system based on chitosan using inorganic phosphate salts as the neutralizing and 
thermo - gelling agent [Nair and Laurencin,  2007 ]. The  in situ  gelling system was 
developed by adding ammonium hydrogen phosphate (AHP) to a chitosan solu-
tion at a low temperature. The system has been found to be highly versatile, with 
gelling time varying from fi ve minutes to several hours at 37    ° C, by varying the 
concentration of the phosphate salt. Compared to the chitosan - glycerophosphate 
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 Figure 6.4.     Toluidine blue stain of C/GP gel with 30   lg BP demonstrated an abundance of 

chondrocytes encompassed by a territorial cartilagenous matrix. (10 × ) (See color insert.) 

(A) (B)

 Figure 6.5.     A. Demonstrates the injectability of the hdyrogel using a 21 guage needle. 

B. Human foreskin fi broblast cells encapsulatedin chitosan - ammonium hydrogen phosphate 

thermogels after 3 days in culture. Cells stained green (live cells) and cells stained red (dead 

cells). (See color insert.) 

system, the concentration of the inorganic phosphate salt required to achieve 
thermogelation has been found to be signifi cantly lower. The injectability of the 
system as well as the feasibility of using chitosan — AHP thermogels as a cell 
delivery vehicle has been demonstrated [Nair et al.,  2007 ]. Figure  6.5 a shows the 
feasibility of injecting chitosan - phosphate solution using a 21 - guage needle and 
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6.5b shows human foreskin fi broblast cells encapsulated in the gel after three 
days in culture stained using Live Dead staining. The ability of the chitosan - AHP 
system to undergo fast gelation at physiological temperature without chemically 
modifying the polymer and at very low concentrations of AHP makes this system 
highly suitable as a protein and cell delivery vehicle.     

  6.4   CONCLUSIONS 

 The last decade saw a tremendous growth in developing unique biocompatible 
injectable hydrogels for biomedical applications due to the several advantages 
of  in situ  forming gels compared to implantable systems. Injectable systems 
responding to various stimuli such as light, chemical/physical reactions, as well 
as temperature, have been investigated. The feasibility of tuning the degradation 
and gelation time as well as the water content of the gels, coupled with the 
mild gelation process and ability to deliver them in a minimally invasive manner, 
make them potential protein and cell carrier vehicles. The most important 
parameters that determine the suitabilit of the injectable gel for tissue engineer-
ing and drug delivery applications include rate of gelation, degradability, rate 
of degradation, extent of water content, non - toxicity of the process, as well as 
physical and mechanical properties of the gel. Each of the developed systems has 
its own disadvantages and advantages depending on the end application. Even 
though many of the gels show good biocompatibility, the ability of the gels to 
mimic the viscoelastic properties of various tissues will be a crucial parameter 
that will determine their applicability as tissue engineering scaffolds.  
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  7.1   OVERVIEW 

 With the strikingly increasing number of elderly patients and the relatively high 
percentage of orthopedic revision procedures performed around the world, 
conventional materials which have many shortcomings cannot satisfy the high 
requirements necessary for current orthopedic implants. Novel nanomaterials 
with basic structures below 100   nm exhibit superior mechanical, cytocompatibility 
and electrical properties over conventional micron - materials, thus potentially 
serving as improved orthopedic implants. To date, a wide range of nanostructured 
ceramics, metals, polymers, organic materials and composites have been investi-
gated and have shown promise towards lowering the rate of implant failures by 
promoting early, quick osseointegration. Thus, due to the potentially numerous 
applications of nanomaterials as orthopedic implants and other tissue engineer-
ing applications, they have been proposed as the next generation of improved 
tissue growing materials. This chapter will give an overview of contemporary 
developments of various nanomaterials for improved orthopedic and bone tissue 
engineering applications.  

  7.2   INTRODUCTION 

 As an emerging interdisciplinary fi eld, bone tissue engineering has evoked in-
creasing interest from scientists wishing to develop biological substitutes that re-
store, maintain, or improve bone cell functions. It is widely known that natural 
bone is a well - organized matrix that consists of a protein - based soft hydrogel 
template (i.e., collagen) and hard inorganic components — specifi cally, hydroxy-
apatite. The special structure of natural bone supplies unique physical properties 
(such as Young ’ s modulus, elasticity, and strength) in order to support various 
mechanical loading  [1] . Novel biomaterials that biomimic the nano - structure of 
natural bone have, thus, been investigated and have shown promise as improved 
orthopedic implants. 

 In the following sections, the problems with current orthopedic implants 
will be introduced. Then, the main part of this chapter will focus on a variety of 
nanomaterials (nanostructured ceramics, metals, polymers, composites, and 
so on) that have been tested for better orthopedic implant effi cacy. Important 
future research directions concerning nanomaterials will be presented in the last 
section. 



INTRODUCTION 207

  7.2.1   Problems With the Current Orthopedic Implants 

 With the rapid development of orthopedic implant technology, various bone 
implant surgeries and procedures (such as for healing bone fractures, repairing 
defects, and inserting hip and knee replacements) are routinely performed. 
The fi rst hip replacement was conducted in 1923. However, the most signifi cant 
breakthrough happened in the 1960s with the introduction of the ultra - low 
friction cemented arthroplasty by John Charnley  [2,3] . Since then, as one of the 
most important surgery advances of last century, this orthopedic implant technol-
ogy has rescued a myriad of people suffering intense pain and limited mobility 
from arthritis. The American Academy of Orthopedic Surgeons reported that in 
the United States alone, in just a four - year period, there was a 19.7% increase in 
hip replacements performed from nearly 274,000 procedures in 1999 (including 
168,000 total hip replacements and 106,000 partial hip replacements) to 328,000 
procedures in 2003 (including 220,000 total hip replacements and 108,000 partial 
hip replacements)  [4] . The total number of hip replacements is projected to 
almost double by 2030 to 272,000 procedures  [4] , a staggering number as well as 
a trend unavoidably accompanied by increasing hospitalization costs. 

 Although orthopedic implants have become more successful over the recent 
decades, it is important to note that current orthopedic implant technology has 
not been perfected. While 90% of hip and knee replacements can last ten to 
fi fteen years on average, and implant joints for some patients have endured for 
more than 20 years with no problems, occasionally hip or knee replacement 
implants may fail immediately after surgery  [5] . Considering the endurance of 
current orthopedic implants, younger and more active patients (men under 
60 - years - old and women under 55 - years - old) will inevitably need more than one 
revision surgery in their lives. For example, in the United States, nearly 11% of 
hip replacements (36,000 revisions for 328,000 replacements) and 8% of knee 
replacements (33,000 revisions for 418,000 replacements) were revision proce-
dures of previously failed hip and knee replacements in 2003  [5] . A similar trend 
occurs in other industrialized countries as well. Due to the strikingly increasing 
number of patients who need various medical implants and the relatively high 
percentage of revision procedures performed around the world, it is urgent to 
develop a new generation of orthopedic implant technology and a set of materials 
that can signifi cantly lengthen the service lifetime of orthopedic implants and, 
thus, dramatically reduce patient pain and health insurance costs.  

  7.2.2   Reasons for Implant Failures 

 Many reasons can lead to implant failures. For example, in the early stage of im-
plant surgery, many acute complications, severe host responses (such as infection 
and infl ammation), prosthesis dislocations, and surgery failures (such as improp-
er placement and cement extrusion) may lead to implant failure  [6] . After several 
years, various additional reasons including implant loosening, osteolysis (soften-
ing of the bone tissue), wear of articulating surfaces and biomaterial fracture 
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become the main reasons necessitating revision surgery  [6] . In other words, based 
on clinical data collected by the Canadian Joint Replacement Registry (CJRR) in 
2004, the most common reasons for revision of a total hip replacement were loos-
ening of the implant (55%), followed by osteolysis (33%), implant wear and tear 
(30%), instability/dislocation (17%), bone and implant fracture (12%), and infec-
tion (10%)  [7] . Since some patients have more than one reason necessitating 
orthopedic implant revision surgery, the aforementioned percentages do not add 
up to 100%. 

  7.2.2.1   Loosening of the Implant.     Generally, one crucial criterion for the 
long - term success of orthopedic implants is the forming of suffi cient bonding of 
the implant to juxtaposed bone — a process known as osseointegration which was 
initially described as a direct structural and functional bone - to - implant contact 
under load by Per - Ingvar Branemark  [8] . Osseointegration plays an important 
role in minimizing the motion - induced damage to surrounding tissues. Insuffi -
cient bonding to juxtaposed bone may lead to a mismatch of mechanical proper-
ties between implant materials and surrounding bone tissues  [9] . 

 As a result, a variety of implant - loosening conditions originating from stress 
and strain imbalances may frequently take place. Several factors such as surface 
roughness of the fi xture, overloading and infection  [10,11]  can be related to loss 
of acquired osseointegration and even failure of osseointegration. Most com-
monly, surface properties of implant materials have been intimately related to the 
success of osseointegration between an endosseous implant and bone. There are 
numerous studies elucidating that surface roughness of implant materials affects 
the rate of osseointegration and biomechanical fi xation  [12 – 17] . Since traditional 
orthopedic implant materials have been chosen based on their mechanical prop-
erties and biological inertness, there has not been enough concern about their 
chemical structure and surface properties. Thus, loosening of implants (such as 
for the socket or femoral component) has been frequently observed when con-
ventional micron - structured materials are used in total hip replacements. 

 On the other hand, the formation of a fi brous soft tissue capsule which origi-
nates from excessive secretion of fi brous tissue from infl ammatory cells is another 
vital factor that leads to insuffi cient osseointegration and eventually causes loos-
ening of implants (Figure  7.1 )  [9,19] .   

 After implanting biomaterials into a surgical site, it is inevitable to damage 
the surrounding tissue and cause injury. Then, various host responses such as 
infection and infl ammation are triggered (Figure  7.1 ). Initially, neutrophils and 
macrophages arrive at the injury site and begin to attempt to phagocytose the 
implant material; when they fail to engulf this large mass, they fuse together 
to form giant cells and interrogate again the implant to wall it off from the 
surrounding tissue. At the same time, giant cells send out chemical messengers 
(cytokines) to recruit other cells to  “ help ”  them. In response to cytokines, fi bro-
blasts (which are in charge of secreting and synthesizing collagen into the extra-
cellular matrix comprising the soft tissue capsule  [18] ) arrive and generate a 
collagen capsule, the fi rst sign of a new tissue. The fi nal stage of the process is 
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that the implant is completely encapsulated in an acellular, avascular collagen bag 
about 50 – 200 micrometers thick  [19] . The fi brous capsule prevents suffi cient 
bonding between an implant surface and juxtaposed bone and frequently leads to 
clinical failure of orthopedic implants. Consequently, repelling fi broblasts that 
can cause an infl ammatory reaction is necessary at the surface of a newly 
implanted orthopedic device  [9] . Controlling protein adsorption by surface 
modifi cation is an effective method for attracting desirable cells onto the implant 
surface and minimizing the functions of fi broblasts, such as their adhesion and 
secretion of fi brous tissue  [9,20] . 

 Therefore, numerous research efforts in bone tissue engineering have 
focused on surface modifi cation (or altering the implant surface topography and 
chemistry of implant materials, including the development of novel nanophase 
materials  “ that is, materials with basic structural units, grains, particles, fi bers or 
other constituent components in the range of 1 – 100   nm  [42]  ”  such as nanophase 
metals, ceramics, and polymers, and so on. These materials have been critical in 
the overall design and synthesis of bone - like composites which possess not only 

 Figure 7.1.     The foreign body reaction towards implanted biomaterials. 1) A biomaterial 

is implanted and damage to surrounding tissue occurs. 2) In seconds to minutes, non - spe-

cifi c proteins from body fl uids are adsorbed on the implant surface. 3) Neutrophils and 

macrophages try to interrogate the material. 4) Failing to interrogate the material, cells fuse 

to form giant cells and concurrently secrete cytokines to signal other kinds of cells. 5) and 

6) Fibroblasts arrive and fabricate a collagenous bag to insulate the material from the 

surrounding tissue.  Fig. adapted from  [19] .  
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mechanical properties similar to those of physiological bone but also cytocompat-
ible surface properties in order to more successfully promote cell adhesion and 
tissue integration  [21 – 23] ,  

  7.2.2.2   Osteolysis.     As a late - appearing complication, osteolysis induced 
by wear particles of implant materials has been regarded as one of the most com-
mon complications and the leading reasons for revision surgery after primary 
replacement  [26 – 29] . It can cause severe bone loss which eventually results in 
implant instability and failure. Metals, ceramics and polymers (such as polyethyl-
ene, a material used for acetabular components in hip replacements) are widely 
accepted as a source of prosthetic particles and serve as a major contributor to 
bone resorption. These wear particles appear most commonly at the bearing sur-
face, but are also at host - implant or implant - implant interfaces. Figure  7.2  shows 
the osteolysis process caused by biomaterial wear debris.   

Particles

Particles smaller than
10 micrometers

Particles bigger than
10 micrometers

Cytokines

Giant cells

Fibroblast
Fibrous tissue

Collagen

BoneBone resorption

Cytokines

Preosteoblast

Osteoclast

PGE2
cytokines

Osteoblasts

Macrophage

 Figure 7.2.     Schematic of biomaterial wear debris activating macrophages and inducing 

osteolysis. Particulate debris is generated from wear of arthroplasty components, metal 

corrosion or polymer degradation. Particles  < 10    μ m are engulfed directly by macrophages 

but can not be digested easily. Consequently, macrophages begin to release interleukins 

(IL - 1, IL - 6), prostaglandin E 2  (PGE 2 ), and tumor necrosis factors (TNF) which then mediates bone 

resorption via osteoclasts  [29] . On the other hand, macrophages form giant cells to phagocytose 

large particles ( > 10    μ m) and then secrete cytokines to signal fi broblasts to synthesize collagen 

to result in a fi brous tissue capsule around the implant.  Redrawn from  [24,25] . It remains to 

be seen what happens when particles are less than 100   nm (in non agglomerated form).  
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 Macrophages are believed to play a key role during osteolysis (shown in 
Figure  7.1 ). But there exists a critical number of active macrophages necessary for 
osteolysis since only one disturbed macrophage and its neighboring osteoclast 
would not cause osteolysis. For instance, clinical experience indicates that oste-
olysis cannot happen if the wear rate of the polyethylene cup is below 0.05   mm 
per year. In contrast, osteolysis frequently occurs if the wear rate exceeds 0.2   mm 
per year  [30] . Moreover, studies have also illustrated that there exists a critical 
size for bioactive particles that can trigger cellular responses and fi nally result in 
osteolysis. Macrophages have evolved to detect and phagocytose bioactive parti-
cles in the size range of 0.5 – 10    μ m. Particles larger than 10    μ m or less than 0.5    μ m 
are relatively less active for macrophages. Particles larger than 10    μ m will cause 
giant cell responses which lead to the formation of fi brous tissue (see details in 
7.2.2.1) without osteolysis. In addition, particles with sharp edges are more active 
than spherical particles  [20,29] . 

 It is apparent that minimizing the generation of wear particles in the interfa-
cial tissues is a basic approach to preventing osteolysis. Therefore, there has been 
much effort to design alternative wear - resistant bearing materials in order to 
reduce the production of wear particles from the bearing area. The metal - on -
 metal, ceramic - on - ceramic or ceramic - on - polyethylene implants have been 
developed to prevent osteolysis and have been shown to produce less wear 
particles in vitro or in vivo than the conventional metal - on - polyethylene materi-
als  [138 – 139] . For example, a fi ve - year prospective randomized study in the U.S. 
revealed that osteolysis greatly decreased from 14.0% of patients with metal - 
on - polyethylene bearings to 1.4% patients with alumina - on - alumina ceramic 
bearings  [139] . In addition, a variety of nanocomposites (such as zirconia - tough-
ened alumina nanocomposites  [140] , ceria - stabilized tetragonal zirconia – alumina 
nanocomposites  [141]  or hydroxyapatite coated ceria - stabilized tetragonal 
zirconia – alumina nanocomposites  [142] ) have shown promise as bearing materi-
als with excellent cytocompatibility and low wear rates. Furthermore, metal - on -
 metal bearings also exhibit low wear rates (such as 0.004 mm per year compared 
with 0.1 mm per year for polyethylene  [138] ). 

 But there still exists many concerns about the generation of metal implant 
ions or corrosion for metal combinations, which may lead to implant failure in the 
long term. Recent studies reported that special surface coatings (i.e., TiN, CrN or 
diamond - like carbon coatings) on titanium alloys may improve the performance 
of metal - on - metal bearings  [143 – 144] . Moreover, except designing novel artifi cial 
joint materials with more wear - resistant features, there are other possible strate-
gies that may address the problem of osteolysis, including preventing debris from 
accessing the bone - implant interface through extensive bone growth and, thus, 
decreasing cellular reaction to such wear debris  [26] . 

 Some preliminary results of the effects of nanoparticle wear debris on osteo-
blasts and on other cells have been reported  [31 – 33] ; such studies showed a less 
adverse effect on osteoblast viability for nano compared to micro particle wear 
debris. Although the effects of nanoparticulate wear debris at the bone - implant 
interface are not totally understood, to date, the biologically - inspired features of 
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nanomaterials has motivated wide investigation for their applications in orthope-
dic implants. Further investigation of the infl uence of nanoparticulate wear debris 
on bone cell health is necessary to effectively minimize osteolysis as well as fully 
realize the benefi ts of nanotechnology in orthopedic implant/applications  [34,35] .  

  7.2.2.3   Other Complications (Wear of Articulating Surfaces, Fractures, 
etc.).     The relative motion of some orthopedic implants is impossible to avoid 
and the resulting mechanical load is extremely large (especially at the articulating 
surface of hip or knee implants). The more active and young the patients receiv-
ing orthopedic implants, the higher the risk of articulating bearing surface wear 
and periprosthetic fractures  [36] . In fact, wear of articulating bearing surfaces has 
commonly evoked our attention. From the basic mechanical viewpoint, adhesive 
wear, abrasive wear, third body wear, wear fatigue and corrosion are fi ve major 
mechanisms causing wear of articulating bearing surfaces  [37] . Modifi cation of 
polyethylene and substitution of metal - metal or ceramic - ceramic bearings for 
polyethylene may both help to improve the wear - resistant property of implant 
materials. 

 Several investigations have revealed that periprosthetic femoral fractures 
accompanied with total hip replacements are more common after revision surger-
ies than after primary replacements  [40,41] . So with the increasing number of 
revision surgeries, it is expected that periprosthetic femoral fractures will become 
more common than before. Since mechanical properties (including strength, 
toughness, and ductility) of implant materials are closely related to the above 
complications and have infl uences on the long - term success of an orthopedic 
implant, synthesizing various orthopedic implant materials which biomimic the 
mechanical properties of natural bone is rather desirable. 

 It should be realized that each previously mentioned complication for ortho-
pedic implants are widely related to each other. That is, the high rate of implant 
fractures is usually accompanied by a loose implant  [38,39] ; loosening of implants 
can also be caused by osteolysis or infl ammation; wear particle generation (see 
section  7.2.2.2 ) and infl ection  [5]  often coexist with wear of articulating surfaces. 
Therefore, reducing the infl uence of one complication may have positive effects 
on preventing other complications and fi nally improving the long - term success of 
orthopedic implants.    

  7.3   NANOMATERIALS FOR IMPROVED ORTHOPEDIC AND BONE 
TISSUE ENGINEERING APPLICATIONS 

 Nanomaterials are materials with basic structural units, grains, particles, fi bers or 
other constituent components in the range of 1 – 100   nm  [42] . Compared to respec-
tive conventional micron - scale materials, they can exhibit enhanced mechanical 
properties, cytocompatibility, and electrical properties which make them suitable 
for orthopedic implants. Next, the research investigating the use of nanomaterials 
in the orthopedic tissue engineering fi elds is extensively reviewed. 
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  7.3.1   Nanostructured Ceramics 

 Ceramics are non - metallic inorganic materials which have excellent cytocompat-
ibility and possibly biodegradability properties in the physiological environment 
that makes them attractive for orthopedic applications. For these reasons, they 
have been widely adopted as orthopedic implants (known as bioceramics for 
several decades). According to the tissue response in an osseous environment, 
bioceramics can be classifi ed in three groups: bioactive ceramics (such as 
hydroxyapatite (HA), tricalcium phosphate (TCP), bioglasses, HA/TCP bi - phase 
ceramics, and glass - ceramics); biopassive ceramics (such as alumina, titania 
and zirconia); and biodegradable ceramics (such as TCP). 

 Although traditional bioceramics have long served as bone substitutes and 
fi ller materials, structural forms, and surface coatings in orthopedic applications 
 [43] , there often exists a variety of implant failures due to insuffi cient osseointe-
gration, osteolysis, as well as implant wear (see section  7.2.2 ). There are many 
reasons to use nanophase ceramics to overcome these traditional implant failures. 
As we know, 70% of the human bone matrix is composed of inorganic crystalline 
hydroxyapatite which is typically 20 – 80   nm long and 2 – 5   nm thick  [18] . Addition-
ally, other components in the bone matrix (such as collagen and noncollagenous 
proteins (laminin, fi bronectin, vitronectin)) are nanometer - scale in dimension  [9] . 
Therefore, novel nanophase ceramics (grain sizes less than 100   nm in diameter) 
which biomimic the nanostructure of natural bone have become quite popular in 
orthopedics. Present researchers have shown that nanostructured alumina, tita-
nia, ZnO and HA can greatly enhance osteoblast adhesion and promote calcium/
phosphate mineral deposition  [14 – 16,44 – 48] . It is believed that the special surface 
topography, increased wettability and better mechanical properties of nanoc-
eramics may contribute to enhanced osteoblast functions. Obviously nanostruc-
tured ceramics may become a new generation of more promising and effi cient 
orthopedic material. In the following section, the advantages of various nano-
structured ceramics compared to conventional ceramics will be discussed. 

  7.3.1.1   Special Surface Properties of Nanophase Ceramics for Im-
proved Orthopedic Implants.     With decreased grain size as well as decreased 
pore diameter, nanophase ceramics have increased surface area, surface rough-
ness (shown in Figure  7.3 ) and number of grain boundaries at the surface.   

 For example, from the results of extensive characterization studies (Table 
 7.1 ), increased surface roughness and improved surface wettability (decreased 
contact angles) are evident in nanophase compared to conventional alumina, HA 
and titania  [16] . In the case of ZnO, atomic force microscopy (AFM) root - mean -
 square roughness values of nanophase and microphase ZnO were 32 and 10   nm, 
respectively  [57] . Additionally, a 23   nm grain size alumina had approximately 
50% more surface area for cell adhesion than that of a 177   nm grain size alumina; 
similarly, a 32   nm grain size titania had nearly 35% more surface area than that of 
a 2.12    μ m grain size titania  [14]  while nanophase ZnO had 25% more surface area 
than that of microphase ZnO  [57] .   
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 In order to illustrate the advantages of nanophase ceramics in terms of 
surface properties for orthopedic applications, calcium phosphate derivatives are 
perfect examples — such as HA, tricalcium phosphate, calcium carbonate and 
bioglass which have extensive applications in orthopedic implants  [49] . Since 
they share a similar crystal structure and chemical composition to natural bone, 
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 Figure 7.3.     Atomic force microscopy images of titania and alumina. (a) and (c) represent 

conventional titania and alumina, respectively, and (b) and (d) represent nanophase titania 

and alumina, respectively.  Adapted from  [14] .  

 TABLE 7.1.     Nanophase and Conventional Ceramic Structure and Surface Wettability ,  Data 
is From  [16]    

   Material     Porosity (%)  
   Pore diameter 

(nm)  
   Surface 

roughness (nm)  
   Contact angle 

(degrees)  

  24   nm alumina    4.5    0.69    20    6.4    ±    0.7  
  45   nm alumina    3.4    1.11    19    10.8    ±    1.3  
  167   nm alumina    2.4    2.94    17    18.6    ±    0.9  
  39   nm titania    4.1    0.98    32    2.2    ±    0.1  
  97   nm titania    3.8    1.91    24    18.1    ±    3.2  
  4520   nm titania    3.2    23.3    16    26.8    ±    2.8  
  67   nm HA    1.1    0.66    17    6.1    ±    0.5  
  132   nm HA    1.1    1.98    11    9.2    ±    0.4  
   179   nm HA     1.1     3.10     10     11.5    ±    1.1  
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calcium phosphate ceramics have been considered the most popular coating 
materials on traditional implant metals as well as in pure form for bone graft 
substitutes. For example, HA and TCP ( α  -  or  β  - crystalline) can serve as bone 
tissue engineering scaffolds to facilitate new bone formation and as a coating 
on femoral (metal) or socket (polymer) prostheses to inhibit complications 
related to osteolysis  [50] . HA and TCP have a relatively high rate of degradation 
 in vivo  as well, making them promising in drug eluting biodegradable bone 
graft therapies. 

 Furthermore, HA has been shown to have good osteoconductive properties 
since their surfaces can undergo selective chemical reactivity with surrounding 
tissues, resulting in a tight bond between bone and the implant  [51] . Thus, new 
bone formation will be promoted by such a bonded interface  [52 – 53] . Moreover, 
it has been demonstrated that osseoinductivity of calcium phosphate ceramics is 
strongly related to their surface properties. Higher amounts of surface porosity, 
increased surface roughness and improved wettability of nanophase ceramics 
have positive effects on the osseointegration of calcium phosphate ceramics with 
juxtaposed bone. The nanometer - sized grains and high volume fraction of grain 
boundaries in nanostructured HA can increase osteoblast adhesion, proliferation, 
and mineralization  [54] . For example, Webster et al. showed that there was sig-
nifi cantly enhanced osteoblast adhesion and strikingly inhibited fi broblast adhe-
sion on nanophase HA (67   nm) compared to conventional HA (179   nm HA) after 
four - hour cell culture studies  [16] . 

 Some  in vivo  studies also demonstrated that nanocrystalline HA can serve 
as an osteoconductive coating on tantalum scaffolds to accelerate new bone for-
mation compared to uncoated or conventional micron size HA coated tantalum 
 [131] . As shown in Figure  7.4 , nanocrystalline HA coatings promote more 
new bone growth in the rat calvaria than that on uncoated and conventional HA 
coated tantalum after a six - week implantation time  [131] . Apparently, the special 
surface properties of nanophase ceramics contribute to effi ciently enhancing 
new bone growth regardless of whether the studies were conducted  in vitro  or 
 in vivo .   

 In addition, enhanced osteoclast - like cell functions (such as synthesizing 
tartrate - resistant acid phosphatase (TRAP) and formation of resorption pits) on 
naophase HA have also been observed compared to conventional HA  [46] . In 
contrast, decreased functions of fi broblasts have been observed on nanophase 
compared to conventional HA  [46] . Since excessive secretion of fi brous tissue 
from fi broblasts causes the formation of a detrimental fi brous tissue capsule 
which can contribute to loosening of implants, decreased fi broblast functions on 
nanophase HA may contribute to a better bone - implant interface. Recently, a 
bioresorbable nano - crystalline HA paste was used as a valuable addition to TCP -
 HA ceramic granules for acetabular bone grafting in animal models. That study 
showed that the nano - crystalline HA paste resulted in better acetabular cup sta-
bility than the pure allografts and at the same time didn ’ t cause adverse biological 
reactivity  [55] . Histology slides of human cancellous bone revealed that the nano -
 crystalline HA paste appeared to be a suitable bone substitute for bone defects 
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or cavities since it showed good tissue incorporation, high biocompatibility and 
rapid osseointegration  [56] . 

 To demonstrate the versatility of nano ceramics, similar tendencies also 
appeared for nanophase alumina, zirconia and titania. A 51% increase in osteo-
blast adhesion and a 235% decrease in fi broblast adhesion in a four - hour period 
were observed on alumina as grain size decreased from 167 to 24   nm  [16] . More-
over, osteoblast adhesion increased by 146% and 200% on nanophase zirconia 
(23   nm) and titania (32   nm) compared to microphase zirconia (4.9    μ m) and titania 
(4.1    μ m), respectively, when normalized to projected surface area  [57] . Further-
more, increased collagen synthesis, alkaline phosphatase activity and calcium 
mineral deposition by osteoblasts were observed on nanophase zirconia, titania 
and alumina (theta   +   delta crystalline phase) compared to conventional equiva-
lents  [48,57] . 

 To determine the role of nano ceramics in fi ghting implant infection, vari-
ous bacteria functions were recently investigated on nanophase ceramics. For 
instance,  Staphylococcus epidermidis  (a common bacterium in human skin) 

Uncoated tantalum Conventional HA coated tantalum

Nanocrystalline HA coated tantalum Nanocrystalline HA coated tantalum

 Figure 7.4.     Histology of rat calvaria after 6 weeks of implantation of uncoated tantalum, 

conventional HA coated tantalum and nanocrystalline HA coated tantalum. Greater amounts 

of new bone formation occurred in the rat calvaria with implanting nanocrystalline HA coated 

tantalum compared to uncoated and conventional HA coated tantalum. Red represents new 

mineralized bone and blue represents unmineralized tissue.  Adapted and redrawn from  [131] . 

(See color insert.)  
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forms a thick extracellular matrix and eventually a biofi lm around bone 
implants  [58] , which leads to implant failure. Thus, decreased  Staphylococcus 
epidermidis  functions on implants are desirable. Nanophase zinc oxide and 
titania have indeed been observed to signifi cantly inhibit  Staphylococcus epider-
midis  functions  [57] . 

 It was elucidated that the special surface topography as well as wettability of 
nanophase ceramics may be the main reason for the promoted bone cell and in-
hibited bacteria functions on nanoceramics. At the tissue - implant interface, the 
fi rst and necessary step for success is the adsorption of specifi c proteins. Many 
researchers have demonstrated that the protein adsorption process depends on 
surface properties (such as hydrophilicity, charge density, roughness, and surface 
energy)  [60,61] . For instance, on hydrophilic and high nanorough surfaces, studies 
have shown maximum vitronectin, fi bronectin and laminin adsorption  [16,60,61] . 
Specifi cally, the highest concentration of vitronectin (a protein known to mediate 
anchorage - dependent cell adhesion) adsorption on nanophase ceramics may 
explain the subsequent enhanced osteoblast adhesion on nanophase ceramics 
 [16] . Secondly, proteins will interact with specifi c cell membrane receptors (inte-
grins) to aid in cell adhesion on the substrate and at the same time inhibit other 
nonspecifi c cell adhesion. It is apparent that surface properties are closely related 
to anchorage - dependent cell (such as osteoblasts and osteoclasts) adhesion to a 
biomaterial surface. After that, cell proliferation, differentiation, and extra - 
cellular matrix deposition can happen and will lead to a successful integration 
with surrounding tissue. Many current attempts, therefore, have focused on nano-
surface modifi cations of conventional orthopedic materials in order to promote 
anchorage - dependent osteoblast adhesion on implant surfaces. Importantly, 
promising results have been observed on nano ceramics without any modifi ca-
tion; it is their raw surface that works.  

  7.3.1.2   Enhanced Mechanical Properties of Nanophase Ceramics.    
 Mechanical properties (such as hardness, ductility, stiffness, bending, compressive 
and tensile strengths) of biomaterials play a crucial role in the long - term suc-
cess of orthopedic implants. Many attempts and efforts have ensued to improve 
mechanical properties of current metals, ceramics and polymers in order to bio-
mimic those of physiological bone. Unlike metals, ceramics (such as alumina and 
HA) have little ductility and have low fracture toughness (0.8 – 1.2   MPa · m  − 1/2  for 
HA). They cannot tolerate damage and are vulnerable to crack initiation and 
propagation. They, therefore, cannot be applied in some loading - bearing appli-
cations. Table  7.2  shows the mechanical properties of traditional ceramics com-
pared to natural bone as well as to other implant materials.   

 To date, it is well known that decreasing grain sizes into the nanoscale (dia-
meter  > 12 – 20   nm) increases strength, hardness and plasticity for both metals 
and ceramics. Theoretically, the well - known empirical Hall - Petch equation which 
relates yield stress ( σ  y ) to average grain size ( d ) can exhibit remarkably increased 
strength when reducing grain size from the micronmeter to the nanometer 
regime  [63] :
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 TABLE 7.2.     Comparison of Mechanical Properties of Ceramics and Bone and Other 
Orthopedic Materials 

   Material  

   Modulus of 
elasticity/stiffness 

(GPa)  

   Bending 
strength 
(MPa)  

   Ductility 
(%)  

   Hardness 
(knoop hardness 

number)  

  Cortical bone    10 – 16    140    0 – 2      
  Ceramics                  
     Alumina    380    550    0    2100  
     Zirconia    170    350    0    1160  
     Hydroxyapatite    34.5    200    0      
  Metals                  
     Implant alloy 

(Co - Cr - Mo)  
  240    825    10    430  

     Stainless steel 
annealed (316L)  

  190    485    40    235  

     Ti - 6Al - 4V (ELI)    110    900    12    325  
  Polymers                  
     Polymethyl 

methacrylate 
(PMMA)  

  3    55    0 – 2      

      Polyethylene 
(UHMW)  

   12     44     400       

  Adapted from  [62] .  

    
σ σy

k

d
= +0

    
(7.1)

   

 Here  σ  0  is a friction stress and  k  is a constant. Hardness and grain size also have 
the above similar relationships. Many experimental results partly confi rmed the 
above theoretical predictions. For example, as grain size is reduced to nanoscale 
dimensions, the hardness of nanocrystalline metals (such as copper, palladium 
and silver) typically increases and can be a factor of two to fi ve higher than 
conventional metals  [59,75 – 76] . Karch and Birringer reported that an increased 
value of hardness and remarkably high values of fracture toughness ( ∼ 14   MPa · m  − 1/2 ) 
were observed for nanocrystalline titania  [63] . Reducing the grain size of 
tetragonal zirconia polycrystals (Y - TZP) from commercially used 0.3    μ m to 10   nm 
enhanced deformation rates by a factor of two and provided a material with 
superplasticity properties  [63] . Webster et al. also reported the modulus of 
elasticity of 23   nm grain size alumina decreased by 70% compared to that of 
177   nm grain size alumina  [15] . However, since fl aws such as pores, dislocations, 
and other defects of nanocrystalline ceramics frequently occur, sometimes 
strength or hardness values of nanocrystalline ceramics deviate from Hall - Petch 
predictions. This phenomena is called the inverse Hall - Petch effect, namely, a 
decrease in strength or hardness as grain size is decreased below  ∼ 10   nm  [54] . 
Controlling manufacturing parameters may avoid the inverse Hall - Petch effect. 
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 Currently, the most widely used bearing couples in hip replacements are 
metal - on - polyethylene components. However, as we know, wear debris originat-
ing from polyethylene causes foreign body reactions around the implant that 
frequently infl uence the longevity of orthopedic implants. Consequently, many 
researchers have focused on evaluating alternative materials for articulating 
surfaces and lowering the wear rate of articulating components in order to reduce 
wear - related complications to improve the life expectancy of bone implants  [64] . 
Generally, low wear rates can be achieved by using materials with high hardness. 
Clearly, ceramics have rather high hardness compared to other implant materials 
(see previously shown Table  7.2 ). For this reason, ceramics such as alumina are 
widely evaluated as wear - resistant articulating materials considering their high 
hardness, chemical inertness, respectable strength, and fracture toughness  [65] . 
For instance, metal - on - metal implants with ceramic coatings (such as nanostruc-
tured diamond), ceramic - on - ceramic, and ceramic - on - polyethylene couples have 
been studied (Table  7.3 ). It has been shown that the wear rates of ceramic - on -
 polyethylene and further ceramic - on - ceramic systems  [66]  are noticeably lower 
than for metal - on - polyethylene systems of total hip prostheses.   

 Moreover, since grain size and porosity can be closely related to wear behav-
ior of ceramics, many investigations on the wear resistance of alumina ceramics 
have focused on the role of nanophase ceramics. By reducing the grain size as well 
as decreasing porosity, the wear characteristics can be signifi cantly improved  [67 –
 71] . For example, Al 2 O 3  - SiC nanocomposites have been shown to have much 
greater resistance to surface fracture than conventional ceramics  [65] . Polycrys-
talline phased - stabilized zirconia from nanoparticles has improved ductility, frac-
ture toughness and wear - resistance compared to current - generation zirconia  [72] . 

 In this light, nanostructured diamond and diamond - like carbon coatings on 
cobalt - chrome and titanium alloys can be considered for potential orthopedic 
applications  [54]  due to their excellent mechanical properties compared to 
conventional micronscale implant materials. They are one of the hardest, 
strongest, and most wear - resistant materials, and also have suitable biocompati-
bility and corrosion resistance. Through using chemical vapor deposition (CVD) 

 TABLE 7.3.     Coeffi cient of Friction for Different Bearing Couples Used in Total Hip 
Replacements 

   Bearing couples     Coeffi cient of friction  

  Cartilage - cartilage    0.002  
  CoCr - UHMWPE  *      0.094  
  Zirconia - UHMWPE    0.09 – 0.11  
  Alumina - UHMWPE    0.08 – 0.12  
  CoCr - CoCr    0.12  
   Alumina - alumina     0.05 – 0.1  

  Data obtained from Park and Lakes, 1992  [132]  and Streicher et al., 1992  [133] ,  [74] . 
   * UHMWPE, ultra - high molecular weight polyethylene.   
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technology, a nanostructured diamond fi lm with high hardness, enhanced tough-
ness and good adhesion to alloys can be obtained. Catledge et al. have demon-
strated that nanostructured diamond fi lms can be tailored on metallic surfaces 
with hardness values ranging from 10 GPa to 100 GPa by changing the feed 
gas (N 2 /CH 4 ) ratio  [73] . The above excellent properties of nanostructured 
diamond make it promising as a coating for load - bearing articulating surfaces 
 [54]  in orthopedic implants. 

 In summary, nanoceramics can offer signifi cantly improved mechanical prop-
erties, good wear properties, as well as excellent biocompatibility compared to 
conventional ceramics. Although further investigations of nanoceramics are 
needed to justify and apply them into real orthopedic applications, nanoceramics 
are clearly promising future orthopedic materials.   

  7.3.2   Nanostructured Metals 

 Artifi cial joints or prostheses have employed a variety of metallic components 
because of their durability, physical strength and physiological inertness. For ex-
ample, titanium, Ti alloys (such as Ti6Al4V), metal alloys (such as CoCrMo) and 
stainless steel are commonly used in orthopedics. Most metallic components such 
as hip ball and sockets are made of stainless steels or titanium, which allows bone 
ingrowth. Commercially pure titanium and Ti6Al4V alloys are the two of the 
most common titanium - based implant biomaterials  [77] . 

 Because of the fact that titanium is not ferromagnetic, titanium implants can 
be safely examined with magnetic resonance imaging, which makes them espe-
cially useful for long - term implants. Moreover, titanium develops an oxide layer 
in contact with water or air, resulting in high biocompatibility. Thus, titanium and 
titanium alloys are considered the best choice for manufacturing permanent non -
 biodegradable implants  [77,78] . Importantly, the modulus of elasticity of titanium 
can be exploited to closely match the modulus of the bone  [79] . However, the 
stiffness of titanium alloys is still more than twice that of bone. 

 The micro or nanoscale surface properties of metals, just like ceramics, such as 
surface composition and topography, can affect bone formation. Coatings and/or 
surface modifi cations are interrelated with topography and surface energy. For this 
reason, it is very diffi cult to determine how these affect — as an independent factor —
 the fi nal bone formation result  [77] . The topographical features obtained on the 
metal implant surface can range from nanometers to millimeters, which are far 
below the size of osteoblasts but have been shown to promote bone formation  [80] . 

 Numerous treatment processes, including machining or micromachining, par-
ticle blasting, Ti plasma spraying, HA plasma spraying, chemical or electrochemi-
cal etching, and anodization are available to modify Ti surface topography. In 
addition, anodizing titanium under different conditions can change the nature of 
the oxide layer (thickness, porosity and crystallinity) on the nanoscale to strongly 
affect  in vivo  bone formation  [77] . 

 The topography of an implant surface can be defi ned in terms of form, wavi-
ness and roughness (Figure  7.5 ), with the waviness and roughness often presented 
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together under the term texture  [81] . Affected by the surface roughness, the 
composition of the initially adsorbed protein layers and the orientation of the 
molecules adsorbed on the implant surfaces, have been shown to be an important 
factor for osseointegration.   

 For example, compared with conventional metals, nanophase Ti, Ti6Al4V 
(Figure  7.6 ) and CoCrMo have greatly increased surface roughness (Table  7.4 ) 
and have been shown to signifi cantly promote osteoblast function  [17] . The di-
mensions of nanometer surface features gave rise to larger amounts of inter-
particulate voids (with fairly homogeneous distribution) on nanophase Ti and 
Ti6Al4V, unlike the corresponding conventional Ti and Ti6Al4V compacts; 

Form Waviness Roughness 

 Figure 7.5.     From Wennerberg  &  Albrektsson (2000).  Adapted from  [82] .  

 Figure 7.6.     Scanning electron microscopy images of Ti compacts and Ti6Al4V compacts. 

Increased nanostructured surface roughness was observed on nanophase compared to 

conventional Ti and Ti6Al4V,  Adapted from  [17] .  



222 IMPROVED ORTHOPEDIC AND BONE TISSUE ENGINEERING APPLICATIONS 

rather these latter compacts revealed fewer interparticulate voids with a 
non - homogeneous distribution  [17] .     

 Figure  7.7  shows the osteoblast morphology on nanophase and conventional 
metals. Obviously, osteoblasts spread well on nanophase Ti and Ti6Al4V, which 

 TABLE 7.4.     Surface Roughness of Metal Compacts   [17]   

   Substrate     Surface roughness (rms; nm)  

  Ti (nano)    11.9  
  Ti (conv.)    4.9  
  Ti6Al4V (nano)    15.2  
  Ti6Al4V (conv.)    4.9  
  CoCrMo (nano)    356.7  
   CoCrMo (conv.)     186.7  

 Figure 7.7.     Scanning electron microscopy images of osteoblasts on nanophase and 

conventional metals (Ti and Ti6Al4V) after 1 hour culture. More spread osteoblasts can be 

observed on nanophase metals than conventional metals. Arrows point to particle boundaries 

where cell protrusions are seen.  Adapted and redrawn from  [17] .  
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have increased roughness and surface particles boundaries. Therefore, similar to 
ceramics, these nano properties are promising for bone formation.   

 However, despite these promises there may be some problems with certain 
titanium alloys. For example, Hong et al. reported that Ti surfaces are excessively 
highly thrombogenic  [83] , leading to more rapid collagenous encapsulation and 
faster remineralization. Some researchers have discussed the potential cytotoxic-
ity associated with the vanadium element in Ti6Al4V  [77] . When Ti6Al4V was 
compared with commercially pure Ti  [84] , gingival fi broblasts demonstrated a 
rounded cell shape and a reduced area of spreading on the alloy, presumably be-
cause of a minor toxicity to vanadium or aluminum. In this light, it is important to 
mention that fi broblast adhesion has been shown to be lower on nano compared 
to conventional metals.  

  7.3.3   Nanostructured Polymers 

 Polymers are a class of synthetic materials characterized by their high versatility 
 [85]  and, thus, have been widely applied in orthopedics. They can mechanically 
secure components of hip replacements into bone — as in bone cements such as 
injectable polymethylmethacrylate (PMMA) — and can line acetabular cups for 
smooth articulation with metallic femoral head components (such as in UHM-
WPE). However, there also exists many disadvantages related to traditional 
polymers used in orthopedic implants. For example, PMMA suffers from fatigue -
 related cracking and impact - induced breakage due to its poor setting and fi xation 
 [86] . Furthermore, PMMA can also elicit a host response due to release of toxic 
monomers and necrosis of the surrounding tissue caused by exothermic polymer-
ization  in vivo   [87] . Increased articulation - induced wear of UHMWPE frequently 
leads to osteolysis (see section  7.2.2.2 )  [88] . 

 Therefore, further development of various polymer alternatives that could 
improve osseointegration is necessary, not only for fracture fi xation but also as 
bone tissue engineering scaffolds. For this reason, polymers — such as polylactic 
acid (PLA), polyglycolic acid (PGA), poly(lactic - co - glycolic acid) (PLGA) and 
various hydrogels — currently generate more interest from scientists to investi-
gate their potentials as bone tissue engineering scaffolds to repair bone defects 
due to their excellent biocompatibility, suitable mechanical properties, bio-
degradability and ease of modifi cation for different applications. 

 An ideal bone repair scaffold should be biocompatible to minimize local 
tissue response but maximize osseointegration, and be biodegradable after new 
bone formation. As will be described, an important consideration in scaffold 
design is providing a polymer nanoscale framework for cellular interactions. 

  7.3.3.1   Nanostructured Biodegradable Polymers as Bone Tissue Engi-
neering Scaffolds.     One of the most common polymers used as a biodegradable 
biomaterial has been PLGA  [85] . It has high biocompatibility, the ability to de-
grade into harmless monomer units, and a useful range of mechanical properties, 
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depending on the copolymer ratio. Recently, this copolymer and its homopoly-
mer derivatives, PLA and PGA, have received substantial attention for skeletal 
repair and regeneration. Various techniques — such as particulate leaching, textile 
technologies or three - dimensional (3D) printing techniques — have successfully 
created 3D porous matrices from PLGA and its derivatives  [89 – 92] . For instance, 
with the simplicity of the polymer casting and phase separation processes, a 
robust nanofi brous poly(l - lactic acid) (PLLA) scaffold can be prepared  [93] . 
These nanofi brous scaffolds have a collagen - like 3D structure, high porosity 
and a suitable surface structure for osteoblast attachment, proliferation, and 
differentiation. 

 In addition, several studies have shown that nanostructured PLGA (Figure 
 7.8 ) which is prepared by chemical etching procedures can promote vascular 
endothelial and smooth muscle cell adhesion compared to the conventional 
PLGA  [94 – 95] .   

 Further investigation demonstrated that nanostructured PLGA can adsorb 
signifi cantly more vitronectin and fi bronectin from serum compared to conven-
tional PLGA, just as the aforementioned nano ceramics and metals do  [93] . 
This increase in protein adsorption may help explain enhanced osteoblast adhe-
sion observed on PLGA with nano - surface roughness. In addition, signifi cantly 
increased chondrocyte functions — adhesion, proliferation and matrix synthesis —
 have been observed on NaOH - treated nanostructured PLGA  [97] . Furthermore, 
improved osteoblast functions have also been observed on nanophase titania/
PLGA composites which make them promising as bone tissue engineering scaf-
fold materials  [98] . At the same time, it was found that fi broblast density de-
creased on nanophase PLGA, polyurethane and polycaprolactone which may 
inhibit the formation of a fi brous tissue capsule  [99] . Obviously, because nano-
structured PLGA has excellent biocompatibility properties (above that of 

100 µm 100 µm

(a) (b)

 Figure 7.8.     Scanning electron microscopy images of chemically treated and conventional 

untreated PLGA surfaces. (A) Conventional PLGA (feature dimensions  ∼ 10 – 15    μ m) and (B) 

chemically treated nanostructured PLGA (feature dimensions  ∼ 50 – 100   nm). Scale bar is 100    μ m. 

 Adapted from  [95] .  
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traditional PLGA) and ease of degradability, it has been considered as a new 
generation of tissue engineering scaffold for numerous tissue engineering com-
posite applications especially for bone and articular cartilage. 

   7.3.3.2   Nanostructured and Injectable Hydrogels as Bone Tissue Engi-
neering Scaffolds.     Polymeric hydrogels have excellent biocompatibility which 
makes them useful in orthopedic applications (such as for injectable bone repair 
and cartilage reconstruction)  [100] . Natural hydrogels (such as collagen and gela-
tin) are the main components of extra cellular matrices (ECM) of mammalian 
tissues including bone, cartilage, and so on  [101] . Through a technique called elec-
trospinning, nanofi brous scaffolds  [104]  can be successfully created from various 
synthetic and natural polymers such as gelatin and collagen (Figure  7.9 ).   

 Several studies have shown that protein and cell interactions are promoted 
by nanofi brous scaffolds that biomimic the ECM  [102 – 103] . On the other hand, 
studies have demonstrated that using self - assembling peptide KLD - 12 hydrogels 
for encapsulating chondrocytes can support chondrocyte differentiation and 
promote the synthesis of a cartilage - like extracellular matrix for cartilage repair 
 [105] . 

 In addition, various synthetic hydrogels such as poly(2 - hydroxyethyl methac-
rylate) (pHEMA) were modifi ed to have nanofeatures for orthopedic applica-
tions. For example, some studies have created an injectable nanostructured 
pHEMA - hydrogel scaffold which incorporates novel self - assembled helical 
rosette nanotubes (HRNs) into hydrogels to fi ll bone fractures and repair bone 
defects  [106] . The nanoscale, tubular architecture of HRNs on and in hydrogels 
can provide a topography that improves protein adsorption and an environment 

(a) (b)

 Figure 7.9.     Scanning electron microscopy images of electrospun polyaniline - contained 

gelatin nanofi bers. (A) polyaniline - gelatin blend fi bers with ratios of 15   :   85 and (B) 

polyaniline - gelatin blend fi bers with ratios of 60   :   40. This Fig. shows that the electrospun fi bers 

are homogeneous while 60   :   40 fi bers were electrospun with beads  [104] . Scale bars   =   5    μ m for 

(A) and 1    μ m for (B). 
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that resembles an extracellular matrix surrounding cells  in vivo . Results revealed 
that HRNs coated on and embedded in hydrogels signifi cantly improved osteo-
blast adhesion even at a low concentration of 0.001   mg/ml  [106] . These HRN 
incorporate hydrogels can also solidify at body temperatures, thus, allowing 
for aqueous injection and  in situ  bone healing. Thus, it has been anticipated 
that such nanostructured hydrogels are promising for bone tissue engineering 
applications.   

  7.3.4   Nanostructured Composites 

 Bone is a natural nanostructured matrix composite made from calcium - phosphate 
apatite mineral which is reinforced with collagen fi bers. Cells in the body are 
accustomed to interacting with composite materials that have nanostructured 
features, thus, one way to closely mimic the properties of natural bone tissues is by 
using nanocomposite biomaterials. Such composite biomaterials are engineered 
materials consisting of two or more distinct materials with signifi cantly different 
physical or chemical properties that provide desirable overall mechanical, chemi-
cal, biological, and physical properties. Such composites may contain reinforcing 
phases embedded within a matrix phase. The reinforcing material can be either 
fi bers or particles, for example, carbon nanofi bers, carbon nanotubes, helical rosette 
nanotubes (HRN), or ceramic nanoparticles (such as hydroxyapatite or calcium 
phosphates). The matrix can be metal, ceramic, or polymer, but most biomedical 
composites have polymeric matrices. The majority of composites used in biomate-
rial applications are intended for the purposes of bone repair. 

 Polymer composite materials offer a desired high strength and bone - like 
elastic properties, potentially leading to a more favorable bone remodeling 
response. For example, polyethylene (PE) is a polymeric material which, in differ-
ent grades — namely, HDPE (high - density polyethylene), UHMWPE (ultra - high -
 molecular - weight polyethylene), and LDPE (low - density polyethylene) — can be 
used as an implant  [107] . Unfortunately, osseointegration of this polymer is low. 
Thus, normally its attachment to bone should be mechanical in nature. However, 
in many studies bioactivated PE has been obtained by adding bioactive materials 
to PE, such as, hydroxyapatite - reinforced high - density polyethylene (HAPEX). 
In addition, some studies investigated nanostructured titanium as a bioactive 
coating on UHMWPE and polytetrafl uoroethylene (PTFE)  [134] . For instance, 
Reising et al. demonstrated that a nanostructured Ti coating created by a new 
ionic plasma deposition (IPD) method can signifi cantly improve osteoblast func-
tions compared to conventional Ti or the uncoated polymer (Figure  7.10 )  [134] .   

 Minerals of calcium phosphates are frequently used as an additive to poly-
meric matrices. Calcium phosphates (CaP) are a major constituent of natural 
bone. Therefore, they show great potential as a supplement in orthopedic applica-
tions, including bone replacements, bone cements, and scaffolds for tissue engi-
neering  [108 – 109] . Thus, they are very popular as bioactive ceramic materials. For 
example, the chemical composition of hydroxyapatite (HA) makes it more stable 
against resorption. On the other hand, tricalcium phosphate (TCP) is partially 
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resorbable and frequently used as bone substitutes  [110] ; in particular,  β  - TCP is 
known to be biocompatible, osteoconductive, and osteoinductive  [111] . 

  β  - tricalcium phosphate - reinforced high - density polyethylene ( β  - TCP/
HDPE) is one of the new biomaterials that can replace bone tissues. Homaeigo-
har et al. concluded that inserting TCP particles into the structure of PE is benefi -
cial for both structural compatibility and biological performance. Also, the results 
from this study provided a basis for further studies in the  in vivo  fi eld towards 
using this composite as a bone graft substitute in orthopedic surgery  [112] . 
Murugan et al. demonstrated the possibilities of bone paste production incorpo-
rating a composite of HA nanocrystals and chitosan, which is an organic polymer, 
using a wet chemical synthesis method at low temperature. The rate of bioresorp-
tion of HA was improved by the addition of chitosan. It was anticipated that 
this kind of composite can act as a bioresorbable bone substitute with superior 
bioactivity and osteoconductivity  in vivo   [113] . Moreover, Jabbari et al. grafted 
HA nanoparticles with hydrophilic unsaturated poly(ethylene glycol) oligomers 
to improve their suspension stability and interfacial bonding in an aqueous 
hydrogel solution. They hypothesized that hydrogel/apatite nanocomposites are 
the ideal biomaterial to mimic the physio - chemical and biological properties of 
the bone matrix for bone regeneration  [114] . It is possible to dope even nano-
structured hydroxyapatite with ions such as carbonate, sodium, and magnesium 
to create a material closely resembling the composition of the surrounding hard 
tissue. 

 Figure 7.10.     Fluorescent microscope images of improved osteoblast proliferation on PTFE 

coated with nano Ti using ionic plasma deposition (IPD) compared to conventional uncoated 

PTFE. Scale bars   =   1000    μ m.  Adapted from  [134] .  
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 Another highly studied ceramic material in composites is zirconium dioxide 
or zirconia (ZrO 2 ). It enhances fracture toughness in polymers or other ceramics. 
A novel orthopedic bioceramic is the zirconia (ZrO 2 ) - hydroxyapatite (HA) 
composite which has good biocompatibility properties  [115] . CaP and phosphate -
 based glass composite coatings have been shown to strengthen ZrO 2  and to 
improve biocompatibility. The proliferation and alkaline phosphatase activities of 
osteoblasts on such composite coatings were improved by approximately 30 – 40% 
when compared to ZrO 2  substrates alone, and were comparable to the pure HA 
coating. These fi ndings suggest that the CaP and P - glass composites are poten-
tially useful for coating traditional biomaterials used as a hard tissue implant, due 
to their morphological and mechanical integrity, enhanced bioactivity, and 
favorable responses of osteoblast - like cells  [116] . Kong et al. studied HA - added 
zirconia - alumina (ZrO 2  - Al 2 O 3 ) nanocomposites in load - bearing orthopedic 
applications. The HA - added zirconia - alumina nanocomposites contained bipha-
sic calcium phosphates (BCP) of HA/TCP and had higher fl exural strength than 
conventionally mixed HA - added zirconia - alumina composites.  In vitro  tests 
showed that the proliferation and differentiation of osteoblasts on this nanocom-
posite gradually increased as the amount of HA added increased  [117] . 

 Synthetic biodegradable polymers are widely utilized in the fabrication of 
scaffolds for bone tissue engineering  [118] . Because carbon nanotubes (CNTs) 
have a very high strength to weight ratio for greater mechanical properties, 
they can be used as a reinforcing material for polymer composites. For example, 
Webster et al. developed a carbon nanofi ber reinforced polycarbonate urethane 
(PU) composite in an attempt to determine the possibility of using either 
carbon nanofi bers or strips of CNTs, as either neural or orthopedic prosthetic 
devices. The results have shown that such composite biomaterials have the poten-
tial to promote osteoblast functions  [119] . Also, Shi et al. used single - walled 
carbon nanotubes (SWNTs) as reinforcing materials for poly(propylene fuma-
rate) (PPF). Such composites are used as an injectable highly porous scaffold 
for load - bearing bone repair  [120] . Moreover, it is believed that electrical stimula-
tion enhances osteoblast function on such CNT composites. Conductivity of poly-
lactic acid (PLA), which is an insulator, can be enhanced by adding CNTs. Studies 
have shown that osteoblast proliferation increased signifi cantly on such com-
posites after exposing them to electrical stimulation  [121] . Thus, great promise 
exists for many nanocomposites for orthopedic applications.  

  7.3.5   Role of Chemistry 

 In bone tissue engineering, nanotechnology is also being used in conjunction with 
changes in implant surface chemistries. For example, for titanium, the surface 
oxide layer has many qualities regarded as important for optimal reactions with 
bone. The excellent biocompatibility of Ti - based materials can be attributed 
to the high corrosion resistance (low metal ion release) and, moreover, to the 
good bone - binding ability of TiO 2  which covers the implant surface. An electro-
chemical method known as anodization or anodic oxidation (Figure  7.11 ) is a 



NANOMATERIALS FOR IMPROVED ORTHOPEDIC 229

well - established surface nano - modifi cation technique for metals like titanium to 
produce protective layers that possibly enhance bone growth  [122] .   

 Essentially, electrochemical approaches have been reported to form highly - 
defi ned porous TiO 2  layers. Under specifi c electrochemical conditions, self - organized 
TiO 2  nanotube layers can be grown on Ti simply by the anodization of Ti in dilute HF 
electrolytes. With this approach, TiO 2  layers could be grown consisting of tubes with 
a diameter of  ∼ 100   nm and a length of  ∼ 500   nm. This oxide layer that forms on titani-
um implants can be manipulated chemically and there has been speculation about 
whether the biological properties of the oxide surface may then be changed, and even 
improved, as a result. The signifi cance of surface chemistry can be illustrated by the 
varied cellular responses reported on different titanium alloys, different grades of c.p. 
titanium, and different bulk metals. Chemical modifi cation of titanium surfaces by 
their treatment in simulated body fl uid, covalent attachment of biological molecules, 
changes in the surface ion content, and alkali treatment have all been reported to 
affect cellular responses to the implant  [123 – 125] . It is noteworthy that this approach 
is successful not only for Ti, but also for other metals and for the formation of nano-
tube layers on biomedical Ti alloys such as Ti - 6Al - 4V and Ti - 6Al - 7Nb  [126] . In this 
light, it is important to note that to date many studies highlighting the ability of nano-
materials to increase tissue growth have been performed on nano, compared to 
conventional materials of the same chemistry. 

 Another emerging area, still at the experimental stage, is the use of photoli-
thography to produce micro and nano - fabricated surfaces  [127] . Such surfaces, 
made of silicon and titanium, incorporate intentional surface chemical and topo-
graphical features in the nano -  and micrometer scales and provide greater op-
portunities to control cell behavior. 

 The biological performance of biomedical implants strongly depends on the 
fi rst interaction occurring when implant surfaces come into contact with a bio-
logical environment. Extra - cellular matrix proteins that contain the cell - binding 
domain RGD have a critical role in mediating cell behavior because they regulate 
gene expression by signal transduction set in motion by cell adhesion to proteins 

500 nm
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250 nm

 Figure 7.11.     Scanning electron microscopy images of the short - nanotube layer formed by 

anodization of titanium in 1   M H 2 SO 4    +   0.15   wt % HF at 20   V. (a) Top - view and (b) cross - section. 

 Adapted from  [122] .  
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adsorbed on biomaterial  [128] . Interactions between cell - membrane integrins 
and extracellular proteins are often facilitated by the RGD sequence. These inter-
actions are important for the adhesion of many cells types. Integrin - mediated cell 
attachment infl uences and regulates cell migration, growth, differentiation, and 
apoptosis  [128] . Various proteins — such as all types of collagen, fi bronectin, and 
vitronectin — are known to be particularly important in mediating osteoblast ad-
hesion; importantly, RGD is contained in all of these proteins and is recognized 
by cell membrane integrin receptors. Capitalizing on the use of such sequences 
may enhance cell targeting and adhesion to specifi c receptors, and also cell behav-
ior via activation of specifi c signaling cascades, as shown in Figure  7.12 .   

 The central hypothesis of biomimetic surface engineering is that peptides 
that mimic part of the extra - cellular matrix affect cell attachment to the material, 
and that surfaces or 3D matrices modifi ed with these peptides can induce tissue 
formation according to the cell type seeded on the material. Therefore, extensive 
research over the last decade has been performed on the incorporation of adhe-
sion promoting oligopeptides onto the biomaterial surfaces. Further, the major 
advantage of using small peptides (such as RGD) with respect to larger peptides 
or proteins is their resistance to proteolysis and their ability to bind with high 
affi nities to integrin receptors. Combining this approach (covalently linking 
peptides) with the use of nanomaterials has maximized cell responses. 

 In conclusion, as shown in Figure  7.13 , nanomaterials have favorable surface 
chemistry, nano structure and bioactive surfaces as well as improved various 
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 Figure 7.12.     Surface properties affecting protein conformation and bioactivity.  Adapted 

from  [128] .  
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other properties (such as electrical and mechanical) compared to respective 
conventional materials. These superior properties of nanomaterials provide great 
promise to use them as the next generation of biomaterials for a wide range of 
tissue engineering applications.     

  7.4   FUTURE CHALLENGES 

 Nanotechnology applications are entering industrial production, mainly for 
diagnostics, drugs, and other medical therapies. Particularly for orthopedic 
applications, nano - meter scale modifi cations of implant surfaces would improve 
durability and biocompatibility. 
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 Figure 7.13.     Schematic illustration of the proposed mechanism of the superior properties 

of nanomaterials over conventional materials to improve orthopedic applications. Com-

pared to conventional micron - scale materials, nanomaterials have enhanced mechanical, 

cytocompatibility and electrical properties, which make them suitable for orthopedic and 

bone tissue engineering applications. The nano and bioactive surfaces of nanomaterials 

mimicking bones can promote greater amounts of protein adsorption and effi ciently 

stimulate more new bone formation than conventional materials.  Redrawn from  [135 – 137] . 

(See color insert.)  
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 Although nanostructured implant materials may have many potential advan-
tages in the context of bone tissue engineering, it is important to remember that 
studies on nanophase materials have only just begun; there are still many other 
issues regarding health that must be answered. Most importantly, infl uences of 
nanoparticulates on human health are not well understood, whether exposure 
occurs through the manufacturing of nanophase materials or through the implan-
tation of nanophase materials. Clearly, detailed studies in this context are re-
quired if nanoparticles are to be used in these systems  [129] . 

 Interactions of nanoparticles with biomolecules — such as DNA, RNA or pro-
teins — are also more likely with decreasing particle size. A number of reports on 
cellular uptake of micro -  and nano -  sized particles have been published. Reports 
on particle uptake by endothelial cells, pulmonary epithelium, intestinal epithe-
lium, alveolar macrophages, other macrophages, nerve cells and other cells are 
available  [129] . Further, it is expected that transport of nanoparticles across the 
blood - brain barrier (BBB) is possible by either passive diffusion or by carrier -
 mediated endocytosis. 

 Nanoparticles may also become loose through the degradation of implanted 
polymeric materials through oxidation and / or hydrolysis which accelerates 
exposure of materials  [35] . Corrosion of metals once implanted can also cause the 
release of nanoparticulates and, thus, contribute to toxicity in biological environ-
ments. Oxidation accelerates the degradation of metals and the release of metal 
ions such as Al 3+ , Ni 2+ , Cr 6+ , and Co 2+ . 

 In addition, nanoparticles can be generated at artifi cial joints where friction 
between two surfaces is high. The outcome of micron - sized wear debris on bone 
health has been well - studied for several decades. For instance, ultra high - molecular -
 weight polyethylene often used as acetabular cups become brittle through 
oxidation and, thus, become susceptible to wear. Conventional size wear debris (i.e., 
micron) triggers osteolysis as well as further wearing (third - body wear). 

 In contrast, the infl uence of nanoparticulate wear debris — or particles in 
general — on bone cell health is only just beginning to be understood. It has been 
speculated that the effects of nanotubes on lungs are more toxic than quartz dust. 
One study also showed that nanometer titania particles (50   nm) and carbon nano-
tubes (20    ×    100   nm) induced morphological changes in neutrophils and decreased 
the overall cell survival rate  [130] . 

 On the contrary, other studies have also demonstrated increased cell viability 
in the presence nanometer, compared with conventional particles  [35] . Specifi -
cally, nanophase materials did not stimulate cytotoxicity but even redeemed the 
toxic effects observed on osteoblast viability in the presence of conventionally 
sized particles. In this study, osteoblast proliferation was not negatively infl uenced 
by alumina and titania nanoparticles, whereas conventional particles of the same 
chemistry and crystalline phase increased cell death and slowed cell proliferation. 
The potential lack of nanoparticle toxicity was also demonstrated on coatings of 
pigment - grade titania particles as nanorods and nanodots of titania ( < 50   nm) 
which did not result in as much lung infl ammation when compared with larger 
particle sizes (>300   nm)  [35] . 
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 Obviously, further tests and studies concerning the toxicity of nanophase ma-
terials need to be conducted and expanded before the benefi ts of nanotechnology 
in orthopedic applications can be realized. However, it is important to emphasize 
that such studies need accurate comparisons when determining health infl uences 
of nanometer compared with conventionally - sized particles of the same size and 
crystallinity. 

 In summary, despite the challenges that lie ahead, signifi cant evidence now 
exists elucidating that nanomaterials represent an important growing area of re-
search that may improve bonding between an implant and surrounding bone. 
Even if nanophase materials do not provide the ultimate answer for increasing 
bone cell responses, research has provided a tremendous amount of information 
concerning bone cell recognition with nanostructured surfaces that will most cer-
tainly aid in improving orthopedic implant effi cacy.  
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  8.1   OVERVIEW 

 In recent years, improved understanding of structure function relationship in 
tissues, tissue organization as well as biomaterial - host tissue interactions have 
had a large infl uence on the selection, design and processing of biomaterials. Most 
biomaterials need to undergo treatments that can enable them to possess proper-
ties and form/shape that is appropriate for the desired biomedical application. 
Therefore, transformation of biomaterials to the fi nal device often requires a 
series of processing steps such as purifi cation, fabrication, fi nishing, and steril-
ization. These processing methods normally vary with the type of biomaterial 
used. Biomaterials are generally classifi ed into four types — metals, ceramics, 
polymers, and composites — with each type being conventionally processed by 
discrete methods. However, the choice of a processing technique for a specifi c 
biomaterial - based device depends on the physicochemical properties of the mate-
rial as well as on the end application. This chapter provides an introduction to the 
section on processing of biomaterials and briefl y discusses the conventional 
methods for processing metals, ceramics, polymers and composites. In addition, 
the chapter discusses processing/fabrication techniques that are used to manufac-
ture devices at the micro/nanometer scale that are gaining increasing importance 
in the biomaterial - based device industry.  

  8.2   INTRODUCTION 

 The fi eld of biomaterials has seen three generations of biomaterials ranging from 
glass eye and wooden teeth in the nineteenth century to advanced biomaterials 
like cell - seeded scaffolds in the twenty - fi rst century  [1] . Until the dawn of the 
twenty - fi rst century, the materials used as biomaterials were non - viable metals, 
ceramics, polymers or their combinations in different physical forms. The 
evolution of biomaterials with time has resulted in the development of im-
proved fabrication techniques. Conventional fabrication techniques of common 
biomaterials — metal - forging, casting, molding; ceramics - casting  [2] ; polymers -
 spinning, phase separation and composites - molding — have been modifi ed or 
replaced by newer techniques which can process a wide variety of materials and 
fabricate biomaterials that are more amicable for biomedical applications — rapid 
prototyping, electrophoretic deposition  [3]  and laser assisted techniques  [4] . The 
function of biomaterials has also gradually evolved from conventional replace-
ment to more challenging repair and regeneration with the scale of biomaterial 
application moving down from whole organ to tissue level. The challenging appli-
cations often demand post - fabrication processing of biomaterials to improve 
surface fi nish, inertness, biocompatibility, and strength  [5, 6] , thereby leading to 
the development of surface processing techniques  [1] . 

 The cellular scale response that implanted biomaterials receive is mainly 
governed by their surface properties (chemistry and physical characteristics) 
 [7 – 9] . Improved understanding of the effect of biomaterial surface on cellular fate 
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processes has demonstrated that cells interact with implanted biomaterial via 
surface integrin receptors and show changes in cellular fate processes depending 
on the type and scale (macro/micro/nano) of the interaction  [9, 10] . Therefore, via 
modifi cations in surface chemistry/topography of biomaterials, it is possible to 
alter cellular fate processes such as adhesion, migration and proliferation  [11 – 20] . 
These cues were substantially implemented in designing biomaterials to improve 
biointegration and biocompatibility which in turn led to the development of 
advanced processing techniques. Initially, strategies for modifi cation of surface 
topography involved different types of lithography and other surface etching 
techniques, whereas modifi cation of surface chemistry involved various grafting 
techniques. 

 The last few decades have witnessed a rapid growth in the area of micro/
nanotechnology that has signifi cantly infl uenced the fi eld of bioengineering. 
This has, in turn, initiated the utilization of sophisticated tools (such as novel 
lithographic techniques, direct writing to create surface nanotopography) that 
can enable improved contact guidance  [21, 22]  of cells on biomaterials when 
compared to conventional surface modifi cation techniques. Improved properties 
demonstrated by these micro/nano surface modifi ed implants  [23]  has also opened 
up new methods to fabricate biomaterial - based devices having dimensions in the 
cellular and sub - cellular scale (or more precisely micrometer and nanometer 
scale) applications. 

 This chapter is meant to provide the reader with an introduction to the area 
of biomaterial processing and to enable a better understanding of other chapters 
in this section. In the fi rst part, various conventional as well as advanced process-
ing techniques (manufacturing, fi nishing, and sterilization) for four major classes 
of materials (metals, ceramics, polymers, and composites) used as biomaterials 
has been explained in brief. The second part of this chapter discusses advanced 
techniques used for micro/nanometer scale modifi cation and fabrication.  

  8.3   PROCESSING OF BIOMATERIALS 

  8.3.1   Metals 

  8.3.1.1   Introduction.     Metals, as biomaterials, have been used for a wide 
variety of biomedical applications. For example, in orthopedics, metals are used 
for bone and joint replacement in the form of fracture fi xation plates, simple 
metallic wires, and screws. Besides orthopedic applications, metals are also used 
in other biomedical applications such as dental implants, electrodes in neural im-
plants, in heart valves, and in pacemakers  [24] . 

 Most biomedical applications of metals demand some basic properties like, 
non - toxicity/biocompatibility, corrosion resistance and good mechanical proper-
ties that include static and cyclic load - bearing capabilities, tensile yield and ulti-
mate strength, modulus of elasticity, fatigue endurance limit and toughness  [28] . 
Since the aforementioned properties are largely infl uenced by the processing that 
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the metal undergoes, it is essential to understand the processing of metals that are 
to be used for biomedical applications.  

  8.3.1.2   Metal Processing   [24 – 26]  .     Metal processing in the context of bio-
medical implant includes conversion of metal ores, present in earth ’ s crust, into 
fi nal implant device through various steps such as extraction of raw metal, form-
ing and casting operation, heat treatment and precipitation hardening, and fi nally 
surface fi nishing with or without inert coatings (Figure  8.1 ).   

  8.3.1.2.1   Processing of Ores to Get Raw Metals.     Metals are available in 
the earth ’ s crust in an impure form called metal ores. These ores are commonly 
present as metal oxides and are often associated with impurities. Water fl ow 
and gravity - based separation are used to remove sand and further processing 
methods, such as electrostatic separator, extraction, vacuum processing and 
remelting, are used to convert the ore into raw metal  [24] .  

    Figure 8.1.     Schematic representation of conventional processing pathway of metals.  
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  8.3.1.2.2   Processing of Raw Materials   [1, 25, 26]  .     Various forming and 
castings steps (Figure  8.2 ) are used to produce stock shapes from raw metal that 
are subsequently converted into primary devices such as bars, wires, sheet, rods, 
plates and tubes.   

 The strength of these stock shapes is improved by heat treatment and pre-
cipitation hardening. Conventional metal fabrication techniques that involved 
the use of dyes for the production of stock shapes are being gradually replaced 
with modern techniques such as computer - aided machining (CAM/CAD) and 
automated processing for fabrication of preliminary implants  [27, 29 – 32] . These 
modern techniques reduce production cost, processing time and shop - fl oor area, 
while providing greater manufacturing fl exibility and precision on the shapes of 
the primary devices. The primary devices, once formed, then undergo surface 
fi nishing to incorporate desired changes in surface properties and aesthetics of 
the device.   

  8.3.1.2.3   Surface Finishing.     Surface fi nishing is the method of processing 
of stock shapes/preliminary devices to improve physicochemical properties  [33]  
such as corrosion resistance, friction control, wettability, adhesion, and appear-
ance. The two main types of surface modifi cation techniques are adding/altering 
the surface and removing/reshaping the surface. However, there are other surface 
fi nishing techniques that are specifi cally used at lower scales (micro/nano - meter 
scale) and have been included under the section on  ‘ processing by scale ’  in this 
chapter. 

 Metal processing techniques are gradually changing from the conventional 
techniques to more sophisticated techniques such as CAD/CAM and rapid 
prototyping that have enabled the fabrication of metallic implants with desired 

    Figure 8.2.     Schematic representation of techniques used for fabricating primary devices 

(bars, wires, sheets, rods, plates and tubes) from raw metal.  
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properties at high precision. Moreover, the recent fabrication techniques allow 
for synthesis of metal alloys which combines the desirable properties of constitu-
ent metals, thereby fostering potential for new horizons in the fi eld. Along with 
these developments, novel surface modifi cation techniques have also been devel-
oped to improve the surface property and functionality of an implant to improve 
biointegration. Hence, the modern techniques for metal fabrication hold promise 
for the future and will hopefully continue to improve the development of metal -
 based devices for biomedical applications.   

  8.3.2   Ceramics 

  8.3.2.1   Introduction.     Basic composition of hard tissue includes natural 
polymers — such as collagen — and ceramics — such as hydroxyapatite — which im-
part strength to the tissue. Ceramics are inorganic, non - metallic biomaterials with 
a wide range of properties such as inertness, bioactivity, high strength, wear resis-
tance and durability. These properties have led to their use in a wide range of bio-
medical applications such as orthopedic implants, neurostimulaters, pacemakers, 
artifi cial heart valves and cochlear implants. The most commonly used ceramic 
biomaterials are alumina, zirconia, pyrolytic carbon, bioglass, hydroxyapatite, and 
triclacium phosphate. 

 There are a number of techniques available for the processing of ceramics 
and the choice of an appropriate technique is largely driven by the properties 
desired from the ceramic. Although the basic steps of fabrication of ceramics can 
be similar, post - fabrication modifi cations can differ depending on the ultimate 
use of the biomaterial device  [34] .  

  8.3.2.2   Processing.     Ceramics are currently used as biomaterials in a num-
ber of forms and compositions. Processing of ceramics is critical because this gen-
erally controls the fi nal properties and functions of the fi nished ceramic product. 
Hence, it is important to understand the basic mechanism occurring in each step 
of processing to obtain the fi nal product with desirable properties (microstruc-
ture and architecture) in a reproducible manner. 

 Broadly, ceramic processing techniques involve, preparation of powders, 
shaping and sintering of ceramic components and surface treatment of product. 

  8.3.2.2.1   Preparation of Powders.     This fi rst step involves processing of 
raw ceramic materials to obtain uniform size of power, which can be further pro-
cessed for shaping and sintering. The conventional methods of powder prepara-
tion include crushing, grinding, milling and screening, spray drying, freeze dry-
ing, and solution - precipitation (Figure  8.3 )  [35] . These processing techniques 
appropriately control purity, particle size and particle size distribution, which in 
turn enable homogeneous microstructure and high - sintered density. The method 
of preparation of powders can also infl uence the structure over many length 
scales, ranging from particle size to macroscopic dimensions of the material, 
which in turn can infl uence biomaterial host tissue interactions. Hence, powder 
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preparation can have a signifi cant infl uence on the performance of the ultimate 
ceramic device/implant.    

  8.3.2.2.2   Forming (Shaping) and Sintering of Powders.     The preparation 
of powders culminates in the formation of a solid ceramic product. Solvent/
binder is then added to the solid ceramic product to provide a specifi c shape. 
These forming processes can be broadly categorized into two types: traditional 
and non - traditional (Figure  8.3 ). The product formed after the forming process 
is known as  “ green ware  [1] . ”  Subsequently, this product then undergoes a heat 
treatment (called fi ring or sintering) for the removal of water and binders from 
the rigid fi nished product.  

  8.3.2.2.3   Surface Treatment.     Various techniques have been developed to 
alter the surface characteristics (chemistry and topography) of ceramics to im-
prove the functionality of the fi nal device. Some of the major surface modifi ca-
tion techniques include laser treatment  [36] , metal ion treatment  [37] , and acid 
treatment  [41] . Laser treatment can be used to alter the surface of fi nal products 
obtained from ceramics for controlling thermal gradients and cooling rates, for 
example, alumina - based ceramics  [36] . Metal ions and their complexes can be 
used for the modifi cation of ceramic surfaces, for example, Al 3+  complexes are 

    Figure 8.3.     Schematic representation of ceramic processing techniques.  
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used for surface modifi cation of SiC or Si 3 N 4  particles  [37] . Similarly, acid treat-
ment can be used for the surface modifi cation of ceramics such as zirconium  [41] .  

  8.3.2.2.4   Other Processing Techniques.     In addition to the aforemen-
tioned conventional processing techniques for ceramics, there are several other 
approaches that have been developed for the fabrication of ceramic products. 
Some of these techniques have been briefl y explained in this section. 

 One such non - conventional technique is microwave processing, wherein 
pressureless sintering is done at low temperatures. This type of processing saves 
energy and reduces process cycle time. Other advantages include volumetric 
heating, a wide range of controlled heating rates, tailored microstructures, atmo-
sphere control, and the ability to reach very high temperatures  [38] . 

 In addition to microwave processing, other ceramic processing techniques that 
have been reported include solid freeform fabrication (SFF) techniques — such 
as stereolithography (SLA), selective laser sintering (SLS), three - dimensional 
printing (3DP), direct ink - jet printing, robocasting, fused deposition modeling 
(FDM) and micro - pen writing  [39]  — ultra pressing, ultra rapid densifi cation in 
inductively coupled plasma, direct casting, dynamic compaction of powders using 
high pressure shock waves, and electrodeposition  [35] . 

 One of the more recent ceramic processing techniques that is gaining increas-
ing importance is electrodeposition, wherein thin ceramic fi lms can be deposited 
on material surfaces. These techniques are gaining increasing importance as they 
are rapid and cost - effective processes that provide an easy scale - up option along 
with fl exibility in the shapes of fi nished products. The two electrodeposition tech-
niques that have been used for ceramics processing are electrophoretic deposi-
tion (EPD) and electrolytic deposition (ELD)  [40] . In EPD, charged particles in 
a liquid move towards an electrode under the infl uence of electric fi eld and depo-
sition takes place due to particle coagulation. In ELD, solutions of metal salts 
produce colloidal particles from electrode reactions and deposition occurs on 
the substrate as a thin ceramic fi lm. EPD allows shaping of free - standing objects 
as well as deposition of fi lms, layers, and coatings on substrates. An interesting 
feature of EPD is the ability to engineer step - graded and functionally - graded 
materials/components. Due to the advantages offered by these electrodeposition 
techniques, they are being used for a number of other non - biomedical applica-
tions including electronic, optical, and electrochemical applications  [40] . 

 Conventional methods for powder synthesis like crushing and grinding do 
not produce materials with desirable microstructure. Hence, newer methods such 
as vapor phase chemical reactions (VPCR) and sol - gel methods have been devel-
oped that can produce fi ne powders with controlled microstructure in the fi nished 
ceramic product. In addition, these fabrication methods produce products with 
high purity, smaller defects, controlled microstructure, homogeneous particle size 
distribution and reproducibility, while requiring fewer fabrication steps. It is 
projected that the colloidal processing of powders and automation of the existing 
techniques for processing ceramics will contribute signifi cantly to the develop-
ment of advanced ceramics. Future research in ceramic processing would include 
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designing of models for quantitative studies, development of novel forming 
processes for providing improved properties, newer formulations for power 
synthesis, and optimization at different scale - levels, including nanometer scale 
and lower.    

  8.3.3   Polymers 

  8.3.3.1   Introduction.     Among all available biomaterials, polymeric mate-
rials present the greatest diversity in properties and processing techniques. The 
diversity in properties enables the use of polymers in a variety of applications, 
including long term implantable devices in neurological, cardiovascular, ophthal-
mic and reconstructive pathologies, as well as for devices to be used in short term 
applications such as hemodialysis, coronary angiogenesis, blood oxygenation, 
electrosurgery, wound treatment and dental implants. For any given application, 
polymers need to be processed into a form that is appropriate for that particular 
application. This manipulation of the material can be physical, chemical, thermal 
or mechanical, depending on the end application of the polymer. 

 There are several reported methods for the processing of polymers; for 
example, fi bers can be processed by spinning; fi lms and sheets by extrusion and 
calendering; and fabrication of specifi c shapes by molding methods. The basic 
steps involved in the processing of polymers have been briefl y explained in the 
following section. In addition to the processing of polymers to generate specifi c 
forms, it is also important to understanding the surface characteristics (composi-
tion and structure) of a polymer as the processed polymer (biomaterial) primarily 
interacts with the neighboring microenvironment through its surface. Some of the 
important surface modifi cation methods have been briefl y explained later in this 
section.  

  8.3.3.2   Processing 

  8.3.3.2.1   Basic Steps of Processing  [42 – 44] .     The basic steps involved in 
polymer processing can be can be categorized as follows: 

  1.     Pre - shaping — A form of polymeric material is produced by application of 
heat and/or pressure that can be shaped in the further steps.  

  2.     Shaping — The pre - shaped polymeric material can be shaped by the tech-
niques such as die forming, molding and casting, and surface treatments.  

  3.     Post - shaping — The shaped polymeric material is further modifi ed by 
processes such as welding, bonding, fastening, decorating, cutting, milling, 
drilling, dying and gluing to obtain the desired fi nished product.    

 To improve the properties of polymers, additional materials are often added 
to the polymer during its processing. These additives (i.e., plasticizers, stabilizers, 
fi llers, lubricants, and foaming agents) can enhance the physical, chemical and 
mechanical properties of the fi nal polymer  [45] . 
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 Although the aforementioned steps of processing are commonly applicable 
to most polymeric biomaterials, there can be special applications wherein the pro-
cessing of polymers can be relatively unique. One such example is that of process-
ing polymers for the fabrication of scaffolds to be used in tissue engineering 
applications. Scaffolds are usually made from biodegradable polymers and act as 
a transient ECM that provides support and guidance for the growth of seeded 
cells that eventually leads to the formation of new tissue. Hence the polymers 
used for the fabrication of scaffolds are necessarily biocompatible and biodegrad-
able while providing mechanical strength (especially important in the case of 
hard tissue regeneration) and being intrinsically transient in nature. In addition to 
these properties, more recent scaffolding systems are associated with proteins 
such as growth factors that govern tissue growth. The association of proteins with 
scaffolds limits the processing conditions in terms of temperature and usage of 
solvents, thereby making the processing more challenging. Various techniques 
that have been previously reported for the fabrication of scaffold are: fi ber 
bonding, solvent casting and salt leaching, phase separation, freeze drying, mem-
brane lamination, melt molding, and  in situ  polymerization  [46, 47] .  

  8.3.3.2.2   Surface Treatment  [48] .     Polymeric materials also undergo 
various surface fi nishing processes (Figure  8.4 ) with the aim of improvement of 
appearance, biocompatibility and biointegration.   

 Polymers, being chemically and physically versatile, have been used in a 
variety of biomedical applications. Due to the versatility of polymers and the 
growth in the biomedical device industry, the processing of polymeric biomate-
rials has experienced an exponential growth in the past few decades. Future 
development should involve machinery design, process analysis and optimization 
to enable the fabrication of polymeric products with improved properties.    

    Figure 8.4.     Schematic representation of techniques used for polymer surface modifi cations.  
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  8.3.4   Biocomposites 

  8.3.4.1   Introduction.     Metals, ceramics and polymers when used indepen-
dently as biomaterials can have certain limitations. Hence, the search for an ideal 
biomaterial led to the development of biocomposites that are materials made 
up of physical combinations of conventional materials. Biocomposites generally 
consist of two phases, a matrix (base) phase in which there is an embedded re-
inforcing phase that is normally made up of particles or fi bers  [49]  and hence 
in the fi nal composite material both phases remain separate at the macro scale. 
Tailoring of composition and structure of both phases can be done to obtain spe-
cifi c physicomechanical properties and hence desired biological response. Thus 
the composition, synthesis and processing of biocomposites are aspects that must 
be carefully considered while designing a composite for biomedical applications.  

  8.3.4.2   Classifi cation.     Though composites can be classifi ed in various 
ways, depending on the type of reinforcing phase they can be classifi ed as follows: 
 [1, 44, 50 – 53] 

    •      Fiber Reinforced  
   �      Continuous fi ber reinforced (long fi bers extending throughout matrix 

phase) Alignment of long fi bers gives anisotropy to the properties of fi nal 
composite.  

   �      Discontinuous fi ber reinforced (short fi bers dispersed in matrix phase) 
Random orientation of short fi bers gives isotropy to the properties of 
fi nal composite.    

   •      Particle Reinforced  [54]  
    �      Small particles or whiskers dispersed throughout the matrix phase.       

  8.3.4.3   Manufacturing 

  8.3.4.3.1   Fiber/Particle Reinforced Composites   [1, 44]  .     In general, the 
procedure for fabrication of composites involves reinforcing and matrix phase 
mixing, compaction and consolidation. However, the manufacturing technique 
can vary with fi nal biocomposite composition. For example, composites that use 
thermoplastic materials as the continuous phase or need to be resistant to water 
intrusion are not fabricated by open mold processes  [1] . Figure  8.5  provides a sche-
matic of the processing techniques used for fi ber/particle reinforced composites.   

 Curing (cross linking of matrix phase material) may be used  in situ  or post 
fabrication to reduce degradation and increase strength. Depending on the type 
of composite material, curing may be induced by light, heat, electron beam or 
x - ray.  

  8.3.4.3.2   Metal Matrix Composites   [52, 55 – 57]  .     Though Metal Matrix 
Composites (MMCs) are classifi ed under fi ber or particle reinforced composites, 
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they possess unique manufacturing techniques (Figure  8.6 ) by virtue of metals 
being their continuous phase. Depending on the properties desired in the fi nal 
composite, processing can vary from conventional metal processing to advanced 
rapid prototyping.   

 Discontinuous MMC ’ s can be produced with standard metalworking tech-
niques, such as extrusion, forging or rolling as stated in the section  8.3.1.2  on 
metals in this chapter. However, functionally graded MMC ’ s  [58]  (in which the 
composition and microstructure change gradually from one side to the other) and 
cermets can be manufactured using techniques such as LENS  ®    [59] . In addition to 
the aforementioned techniques, there are other processing techniques that have 
been used for the fabrication of specifi c biocomposites as shown in Table  8.1 .     

    Figure 8.5.     Schematic representation of composite processing techniques.  
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    Figure 8.6.     Schematic representation of processing techniques used for manufacturing 

MMCs.  
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  8.3.4.4   Processing/Surface Treatments.     The surface of biocomposites 
can be modifi ed by methods that are applicable both pre -  and post - fabrication. 
The goal of these surface treatments is mainly for improving biocompatibility and 
integration as well as bond strength between the two phases. The methods used 
for surface fi nishing of composites vary with the type of composite, such as CMC 
or MMC. Examples of such methods are provided under individual material 
sections of this chapter. 

 The following methods are examples of surface treatment techniques that 
have been used to improve adhesion between fi ller resin and implanted compos-
ite for repairing of the latter in dentistry  [6] : air - borne particle abrasion (50    μ m 
Al 2 O 3 ) and silica coating (30    μ m SiO 2 , CoJet  ®   - Sand). 

 In the recent past, composites have gained increased importance as biomate-
rials because they possess a combination of desirable properties of both the indi-
vidual components. Hence their processing techniques primarily depend on their 
composition and end use. General processing involves manufacturing of matrix 
phase, manufacturing of reinforcement phase, embedding of reinforcement phase 
in matrix phase, and, fi nally, curing of composite to improve strength and decrease 
degradation rate. Unlike conventional molding techniques, newer techniques like 
pultrusion and resin injection molding are capable of producing a composite with 
highly aligned reinforcement phase, uniform cross sectional area, as well as func-
tionally graded composites. Just as in conventional biomaterials, biocomposites 
also can undergo various types of surface treatments post fabrication to improve 
tissue biomaterial interactions  [9] . It is projected that more advanced methods 
such as micro/nanofabrication techniques hold promise for the production of 
next generation biocomposites.   

  8.3.5   Sterilization 

 Biomaterials that are intended for applications that involve direct contact with 
human tissue or body fl uids demand proper sterilization techniques to prevent 
chances of infection and undesirable immune response. The selection of an appro-
priate sterilization method usually depends on the chemical composition and end 
use of the material. In the case of biocomposites that are made up of a mixture of 
two or more chemically distinct materials, this selection becomes even more chal-
lenging. The method of choice is normally the one that provides good sterilization 
while minimally compromising on the desirable properties of the biocomposites. 
Table  8.2  enlists some of the commonly used sterilization methods for biomaterials.     

  8.4   PROCESSING FOR SCALE 

  8.4.1   Micro/Nano Surface Modifi cation 

  8.4.1.1   Introduction.     After the implantation of a device, biomaterial - 
tissue interaction events occur at different time and length scales as shown in 
Figure  8.7 . Some of these events occur within a fraction of a second while others 
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 TABLE 8.2.     Commonly Used Sterilization Methods Along with Their Advantages and 
Limitations 

   Method     Advantage     Limitation     Comments     References  

  Ethanol 
70%  

  No adverse effect 
on polymer, 
metal or ceramic  

  Does not 
adequately 
eliminate 
hydrophilic 
viruses and 
bacterial spores  

  Limited to 
surface 
disinfection  

   [68]   

  Dry Heat    No adverse effect 
on strength 
of ceramic/ 
composite  

  Adversely 
affects most 
biomaterials ’  
composition  

   —      [69]   

  Autoclave    No adverse effect 
on composition 
of ceramic/ 
composite  

  Adversely affects 
compressive 
strength of 
ceramic/ 
composite  

   —      [69]   

  Ethylene 
oxide  

  No adverse effect 
on composition 
of most 
biomaterials  

  Residual 
deposition 
is hazardous 
and can lead 
to shrinkage 
of polymer 
macrostructures  

  Relatively 
better when 
compared 
to ethanol, 
dry heat and 
autoclaving  

   [68]   

  Gamma 
irradiation  

   —     Causes surface 
roughening in 
ceramics and 
metals. Causes 
decrease in 
molecular 
weight, and 
increase in 
cross - linking, 
density and 
melting point of 
polymers  

  Widely used 
for implant 
materials  

   [61, 68, 70]   

  Electron 
beam 
irradiation  

   —     Same as above    Less used     [70]   

   Radio 
frequency 
glow 
discharge 
(RFGD) 
plasma 
sterilization  

   Does not alter 
3 - D morphology 
of composite 
macro - structures  

   Effective only 
on surfaces 
due to poor 
penetration 
power  

   Very effective 
in etching 
prions and 
endotoxins 
from surfaces  

    [68, 70]   
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can take as long as few days  [10] . The fast initial response is generally governed 
by the surface chemistry of the implanted biomaterial/device. Surface chemistry 
modulates adhesion and signaling of cells which in turn controls phenotype and 
cell function while degree of adhesion modulates proliferation and differentia-
tion  [9] . Therefore, alterations on the surface of a biomaterial can modulate cell 
behavior/function, which in turn governs the tissue response to the implant/
device. Hence, it is important to understand cell - biomaterial surface interaction 
to enable better integration of the implant/device.   

 Cell behavior/function such as adhesion, cell morphology, migration, orienta-
tion, and differentiation are infl uenced by biomaterial surface topography and 
surface chemistry  [71] . This has been evidenced in the native environment wherein 
fi brous proteins present in the ECM of tissue have diameters in the micrometer 
range, while mineral particles present in the ECM of bone tissue have diameters 
in the nanometer range and both of these scales (fi ber - micrometer and mineral 
particle - nanometer) have a different effect on cell behavior, though the exact 
mechanism is still not well understood. Therefore, surface chemistry and surface 
topography  [72, 73]  are important design considerations during the development 
of a biomaterial - based implant to improve integration and compatibility.  

  8.4.1.2   Types of Surface Modifi cation   [1, 7, 10, 74]   

  8.4.1.2.1   Surface Chemistry.     To date several ways of modifying surface 
chemistry have been explored  [1, 7, 9, 15] . Changes in surface chemistry can pro-

    Figure 8.7.     Tissue biomaterial interactions: events occurring at the tissue biomaterial inter-

face at varying time and length scales.  
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mote or deter protein/cell adhesion onto the implant depending on the bioactive 
moieties present on the surface, that is, functionalities such as NH 2 , COOH, CH 3  
and OH or amino acids such as RGD, RADS, RGDS and PHSRN. The surface 
chemistry of biomaterials can be modulated using surface grafting techniques as 
shown in Figure  8.8  (A – B).   

 Following is the list of different techniques that are used to tailor surface 
chemistry of the biomaterials. 

   •      Noncovalent coatings  
   �      Solvent deposition  
   �      Langmuir - Blodgett fi lm deposition  
   �      Vapor deposition of metals and carbon    

   •      Covalently attached coatings  
   •      Radiation, plasma and photo - grafting  
   •      Thin fi lm deposition  
   •      Application of a surface chemical gradient  
   •      Self - assembled fi lms: They give highly ordered structures on specifi c sub-

strates, for example alkanethiols array arranged on gold  
   •      Surface chemical reaction  
   •      Soft lithography - micro contact printing of alkanesthiols on gold  
   •      Chemical grafting (ozonization)  
   •      Surface modifi cation via aminolysis    

 Table  8.3  lists some of the surface chemistry modifi cations  [16, 20, 22, 84]  that 
have been reported for biomaterials.    

    Figure 8.8.     Surface modifi cations of biomaterials: surface chemistry (A - B) and topogra-

phy (C - H). (A) Single molecule grafting, (B) Multi - molecule grafting (e.g., RGD and PHSRN), 

(C) Patterned nano - islands, (D) Patterned pits, (E) Patterned pits and nano - islands, 

(F) Patterned channels, (G) Patterned pillars and (H) Combinatorial approach.  
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  8.4.1.2.2   Surface Topography   [48, 75 – 78]  .     Addition or subtraction of 
material at the surface leads to surface roughness. Although photolithography 
has been widely used for generating surface topographies, new methods that al-
low for more precise control of topography at the micro/nano scale [Figure  8.8  
(C - H), Figure  8.9 ] have also been developed.   

 As previously stated, surface topography can signifi cantly infl uence cell 
behavior and as a consequence biomaterial - tissue interaction and eventual device 
integration with tissue. Hence, a variety of methods have been developed for the 
modulation of surface topography including plasma methods. Among the plasma 
methods, a wide choice is available for use, such as plasma sputtering and etching, 
plasma implantation, plasma deposition, plasma polymerization, laser plasma 
deposition and plasma spraying. The main advantage of surface modifi cation 
using plasma - based techniques is that they do not affect the bulk properties or 
composition of the biomaterial  [85] . Table  8.4  lists some of the surface topography 
modifi cations  [16, 20, 22, 84]  that have been reported for biomaterials.   

 Contrary to the belief that surface modifi cations can signifi cantly infl uence 
cell response, there have been reports that surface modifi cation may not infl uence 
biointegration or biomaterial host tissue response. Parker et al. studied implants 
that were surface treated with RFGD plasma or fi bronectin coating and demon-
strated that none of the surface treatment methods signifi cantly infl uenced tissue 
reaction around the implant  [14] . In a similar study with surface modifi ed silicon 

    Figure 8.9.     Schematic representation of types of topographical modifi cation and techniques 

used for their fabrication.  
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and poly (lactic acid), Parker et al. demonstrated that application of periodic or 
random micro grooves to polymer implants had no benefi cial effect on peri -
 implant tissue healing  [87] . Although there are some reports on the limited infl u-
ence of surface modifi cation on cell behavior, a large majority of reports support 
the fact that surfaces of biomaterial - based implants can signifi cantly infl uence 
cell and tissue response. Hence, there have been efforts to understand and 
develop improved methods for surface modifi cation. Also, since most of the cell –
 biomaterial interactions occur at the micrometer and nanometer length scale, 
there has been a strong motivation to understand and develop methods for pro-
cessing as well as for fabrication at these length scales.    

  8.4.2   Micro/Nano Fabrication  [88]  

 Although fabrication of micro/nanometer scale devices for electronics/electro-
mechanical applications have been extensively reported, their use in biomedical 
applications is more recent and is projected to grow exponentially in the near 
future. The fabrication techniques at the micro/nanometer scale use either the 
top - down or the bottom - up approach to fabricate micro/nano structures. The top -
 down approach involves starting with a bulk material/biomaterial and arriving at 
the desired length scale by reduction in material content (subtractive process), 
whereas the bottom - up approach involves starting at a molecular scale and build-
ing on that to arrive at the desired length scale (additive process). The fabrication 
techniques for biomedical devices were initially limited to manufacturing of poly-
meric drug delivery devices but have now been expanded to multiple applications 
including fabrication of smart devices such as BIOMEMS and BIONEMS  [90] . 
Micro/nanometer scale fabrication techniques like LENS(r) have found use in 
production of implantable devices with controlled surface architecture. These 
techniques hold promise in the production of micro/nanometer scale scaffolds 
 [12, 86] , micro - fl uidics for artifi cial vascularization and, implantable microchips as 
self - regulated drug devices. 

 Broadly, microfabrication techniques can be divided into two types: 

   •      Surface micromachining — is an additive process in which fabrication of 
structures is done via deposited thin fi lms.  

   •      Bulk micromachining — is a subtractive process in which fabrication of 
structures is done by selective removal of material from the bulk material.    

 Table  8.5  enlists some of the various micro/nano - meter scale biomedical 
structures along with their respective fabrication techniques  [23, 89] .   

 After establishing that surface chemistry and topography of biomaterials 
can be tailored to provoke a favorable cellular response, this concept has gained 
signifi cant importance in the design of advanced biomaterials. As a consequence, 
numerous methods have emerged that can precisely tailor biomaterial surface 
chemistry and topography. However, it is expected that as our understanding of 
cellular responses to surface chemistry and topography improves, the designing 
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of biomaterial surfaces (chemistry and topography) will develop simultaneously, 
thereby leading to improved biomedical devices.   

  8.5   CONCLUSION AND FUTURE DIRECTIONS 

 Newly developed biomaterials have revolutionized the fi eld of biomedical devices 
in the past few years. Hence, the selection, manufacturing and processing of bio-
materials has gained increased importance in the recent past. After the selection 
of an appropriate biomaterial, their processing and fabrication techniques are 
the parameters that can signifi cantly infl uence the performance/function in the 
intended fi nal application. These processing techniques can be fairly diverse for 
biomaterials due to the diversity in type of biomaterials — metals, ceramics, poly-
mers, composites. However, for all of these classes of biomaterials, conventional 
methods of processing can have limitations for use in biomedical applications. 
Hence, newer techniques that offer advantages such as desired mechanical and 
chemical properties, precise control on device dimensions, and improved repro-
ducibility have been developed. 

 On a parallel front, the modifi cation of implant surfaces for improved inte-
gration with neighboring tissue has witnessed signifi cant progress. A variety of 
methods have been developed to modify surface chemistry and topography at 
both the macro as well as the micro/nanometer scale. Newer fabrication tech-
niques at the micro/nanometer scale have also led to improved devices such as 
advanced drug delivery systems, scaffolds for tissue engineering applications, and 
biosensors. Nanotechnology borrowed from the electronics industry has been 
used extensively for fabrication of micro/nanometer scale structures like micro 
pumps, valves, implantable chips (Bio - MEMS/NEMS), self - regulated drug deliv-
ery devices, and micro needles. In the future, it is expected that the processing 

 TABLE 8.5.     Fabrication Techniques of Various Micro/Nano Devices 

   Device     Fabrication techniques  

  Microneedles, Micropumps/Microvalves, 
Implantable microchip  

  Micromachining techniques adopted from 
microelectronics industry  

  Liposomes    High pressure homogenization, microemulsion 
method and high speed stirring  

  Nanofi bers    Electrospinning, drawing, self assembly, phase 
separation and template synthesis  

  Dendrimes    Convergent synthesis and divergent synthesis  
  Nanotubes and fullerenes    Chemical vapor deposition, electric arc 

discharge and laser ablation  
  Nanogels    Emulsion polymerization and crosslinking 

reaction of preformed polymer fragments  
   Nanocrystals     Wet comminution, precipitation, disintegration 

and milling  
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techniques (especially micro/nanometer scale processing) may play an important 
role in the development of next - generation biomaterials with the potential to 
interact with cells at cellular, as well as sub - cellular, scales.  

  8.6   BRIEF OVERVIEW OF CHAPTERS IN THE SECTION 
ON PROCESSING 

 Following this introductory chapter, this section on processing consists of 
chapters that describe some emerging manufacturing techniques such as Laser 
Assisted Net Shaping (LENS) as well as processing involved in designing bioma-
terials for applications such as bioactive scaffolds and polymeric drug delivery 
systems. 

 The chapter written by R. Banerjee (University of North Texas, U.S.) 
demonstrates how novel near - net shape processing technologies, such as laser - 
engineered net shaping (LENS TM ) can be utilized to rapidly manufacture 
custom - designed functionally - graded unitized implants with site - specifi c proper-
ties. The chapter also discusses the mechanical properties, the electrochemical 
response, wear resistance and biocompatibility of laser - deposited beta Ti alloys 
and metal - matrix composites for orthopedic applications. 

 After reviewing the present status of the development of bioinert ceramics 
for Total HIP joint Replacement (THR), the chapter by Omer Van Der Biest 
(Katholieke Universiteit Leuven, Belgium) and his co - workers, largely focuses on 
the design principles of Electrophoretic deposition as a novel processing route to 
develop functionally gradient materials (FGM) based on biocompatible ceramics. 
The processing issues to select optimal parameters to obtain gradient in composi-
tion and properties for small - to - large scale ZrO 2 /Al 2 O 3  based implant materials 
are discussed. 

 In the chapter written by Pio Gonz á lez (Universidade de Vigo, Lagoas - 
Marcosende, Vigo, Spain) and co - workers, bioinspired ceramics for bone tissue 
replacement are discussed. The chapter focuses on biomorphic silicon carbide 
ceramics fabricated from bio - derived cellulose templates that can be applied as 
scaffolds for bone substitution because of their lightweight, high - strength and 
interesting biocompatibility with natural tissues. The chapter discusses the micro-
structure, chemical composition, and mechanical properties of different types of 
biomorphic silicon carbide ceramics along with the  in vitro  biocompatibility test 
data. 

 The chapter by Artemis Stamboulis (University of Birmingham, Birming-
ham, UK) and co - workers discusses the design and characterization of ionomeric 
glasses with a focus on the crystallization aspects of the glasses. 

 The chapter by Dhirendra Katti (Indian Institute of Technology, Kanpur, 
India) and co - workers describes the processing of polymeric systems for the syn-
thesis of nanofi bers that are to be used as scaffolding systems for tissue engineer-
ing applications. The chapter emphasizes electrospinning techniques and discusses 
the various polymeric systems that have been used to generate nanofi bers which 
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in combination with cells have been applied for the regeneration of musculoskel-
etal tissue. 

 The chapter by Ashok Kumar (Indian Institute of Technology, Kanpur, India) 
and co - workers describes a novel processing technique applicable to polymeric 
systems for the generation of supramacroporous biomaterials. The chapter 
discusses the processing technique — known as  “ cryogelation ”  — and discusses 
various polymeric systems that have been used for the synthesis of cryogels, along 
with their applications.  
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  9.1   OVERVIEW 

 In the area of load - bearing orthopedic implant applications, both novel metallic 
and non - metallic biomaterials as well as novel processing technologies can have 
a substantial impact. While there has been a signifi cantly large volume of research 
in recent years on the development of novel titanium alloys, especially based on 
the beta phase of titanium, for implant applications there has been rather limited 
research on the development and application of newer processing technologies 
for fabricating such implants. The newer generation beta titanium alloys that are 
being actively researched for biomedical applications typically contain com-
pletely biocompatible (non - toxic) alloying elements such as niobium, zirconium, 
tantalum, molybdenum, iron, and tin. These alloys also exhibit a substantially 
lower elastic modulus that is much closer to that of bone (10 – 40   GPa) as com-
pared with the previous generation alloys, such as Ti - 6Al - 4V. 

 On the processing side, while orthopedic implants are conventionally fabri-
cated using traditional metal - working processing technologies such as casting and 
forging, the advent of novel processing technologies such as direct deposition of 
metallic powders using a laser - based deposition process (for example, the laser 
engineered net shaping or LENS ™  process) can substantially impact implant 
fabrication. Thus, while traditional processes are typically subtractive in nature 
with material being removed (machined) from a big block of metal into the fi nal 
shape of the implant, processes such as LENS ™  based on additive manufacturing 
permit the fabrication of a three - dimensional near - net shape component directly 
from a computer - aided design fi le in a single step. Furthermore, the use of 
laser - deposition based additive manufacturing also allows for the fabrication 
of custom - designed compositionally and  functionally graded  implants with  site -
 specifi c  properties, a concept that can revolutionize the processing of orthopedic 
implants. 

 In this chapter, some of the salient features of laser - deposition of orthopedic 
biomaterials will be discussed. In addition to the processing aspects, the core of 
this chapter is devoted to the properties of laser - deposited beta titanium alloys 
and metal - matrix composites, in the context of their suitability for use in orthope-
dic implants.  
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  9.2   INTRODUCTION 

 Due to demographic changes, there is a worldwide increase in the average age of 
the population, leading to a rapidly increasing number of surgical procedures 
involving prosthesis implantation. Human joints are prone to degenerative and 
infl ammatory diseases that result in pain and stiffness of joints  [1] . Approximately 
90% of the population over the age of 40 suffers from some degree of degenera-
tive joint disease  [2] . Typically such premature degenerative diseases result in 
degradation in the mechanical properties of the joint that has been subjected to 
excessive loading conditions or from failure of normal biological repair processes. 
Since the natural joints cannot function optimally, the joint surfaces are replaced 
by artifi cial biomaterials through arthoplastic surgery  [1] . This has resulted in an 
urgent need for improved biomaterials and manufacturing technologies for 
orthopedic implants such as hip, knee, and shoulder implants. 

 Furthermore, since such geometrically - complex implants have different 
property requirements at different locations, their manufacturing becomes par-
ticularly challenging. The design and manufacture of these medical devices is 
complicated by a host of inter - related factors, including regulatory requirements, 
patient quality of life considerations, durability, weight of the device, cost, and 
constraints of manufacturing. In order to achieve the best balance of all these 
factors, compromises often have to be made in the design and development of 
orthopedic implants. However, the advent of novel additive near - net shape manu-
facturing processes, such as the laser engineered net shaping (LENS ™ ) process 
 [3,4]  is expected to have a substantial impact on the design and development of a 
new generation of orthopedic implants and other medical devices. Furthermore, 
by employing such near - net shape processing technologies, it is possible to manu-
facture custom - designed implants with site - specifi c properties. Such a novel pro-
cessing approach is expected to have a substantial impact on the development 
of next - generation orthopedic implants and is the primary motivation for this 
chapter. 

 Typically the manufacturing of a hip implant is a multi - stepped process that 
may take weeks  [5 – 8] . The starting raw material is typically a casting or forging in 
the rough shape of the femoral stem part of the hip implant. This casting or forging 
is polished to remove scales and rough edges leftover from the casting or forging 
process  [9] . Usually, a skilled craftsman is required for carrying out the polishing 
job. Subsequently, the stem of the implant is passed through a fl uorescent pene-
trate inspection (FPI) for surface defects such as cracks, porosity, and other 
imperfections. Following the FPI test, the stem is exposed to sand - blasting in 
order to give the implant an uneven surface fi nish for better bonding with the 
porous coating that is subsequently sprayed on the surface of the implant. The 
stem is initially sprayed with a binder followed by a layer of metal beads made of 
either cobalt - chromium alloy or titanium. The stem is then sintered to allow for 
the porous coating to adhere to the implant surface. 

 Subsequently, the taper or top of the stem is machined to precise measure-
ments using a lathe, followed by a fi nal polishing step. The stem is then put through 
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a bath of nitric acid to remove any undesirable materials left behind during the 
manufacturing process. The other components of the hip implant are also manu-
factured in a series of steps. The femoral head, which is the component that 
replaces the top of the natural thigh bone, can be manufactured in approximately 
one week. The acetabular cup, which replaces the hip socket of the pelvic bone, 
consists of a metallic shell (typically titanium base) with a medical grade ultra -
 high molecular weigh polyethylene (UHMWPE) liner. While the metallic shell 
takes three to four weeks to manufacture, the liner takes about two weeks. It 
should be emphasized that these various processes involve considerable time and 
therefore expensive. Additionally, most of the processes are subtractive in nature 
and involve signifi cant waste of materials, consequently increasing the cost of 
manufacturing. 

 One of the key manufacturing challenges for hip implants is the strongly con-
trasting property requirements at different locations of the implant. The compo-
nents of a typical hip (femoral) implant used for a total joint replacement (TJR) 
are the femoral stem, the femoral head, and the acetabular cup  [10]  as shown 
schematically in Figure  9.1 . The property requirements for these individual com-
ponents are listed below  [11] : 

  1.     Femoral stem: low elastic modulus (close to bone modulus), high strength, 
good ductility, good fatigue resistance, good fracture toughness, good cor-
rosion resistance, no cyto - toxic reactions with the bone tissue, excellent 
osseo - integration (attachment to the bone).  

  2.     Femoral head: excellent wear resistance, good fracture toughness, good 
corrosion resistance, no cyto - toxic reactions with the bone tissue.  

  3.     Acetabular cup: good corrosion resistance, no cyto - toxic reactions with 
the bone tissue, excellent osseo - integration, and, excellent wear resistance 
to the counterface material of the femoral head.      

    Figure 9.1.     Schematic representation of typical hip implant showing the femoral head (or 

ball), femoral stem and acetabular cup.  
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 Traditionally, the differences in the property requirements of these compo-
nents have warranted the use of very different materials and processing routes for 
these components resulting in the unavoidable formation of abrupt interfaces 
between types of materials. Localized wear at these interfaces may cause debris 
formation which is a great concern from the health and safety point of view. 

 For example, while the femoral stem is often made of titanium alloys, such as 
Ti - 6Al - 4V, the poor wear resistance of this alloy prevents its use for femoral head 
applications. Therefore, more wear - resistant materials are used for the femoral 
head, such as ceramics (e.g., alumina or zirconia) or cobalt - chromium alloys. 
However, while alumina or zirconia ceramic femoral heads offer excellent wear -
 resistance, these ceramics do not have the same level of fracture toughness as 
their metallic counterparts leading to problems such as fracture of these heads in 
use. This has even lead to the recall of hip implants using zirconia femoral heads 
 [12 – 14] . Furthermore, the use of a ceramic femoral head attached to a metallic 
femoral stem also leads to an undesirable abrupt ceramic/metal interface in the 
hip implant. 

 From the materials perspective, while the use of titanium - base alloys had 
been quite benefi cial for such implants, most of the materials that are currently in 
use, such as Ti - 6Al - 4V, were originally developed for other applications such as 
for aircraft engines. Consequently, in general the biomaterials that have been 
used to date possess a less than optimum combination of biocompatibility and 
mechanical properties, representing a fairly unfavorable compromise regarding 
the necessary balance of properties for application in orthopedic implants. The 
ideal biomaterial for orthopedic implant applications, especially for load - bearing 
joint replacements, is expected to exhibit excellent biocompatibility with no 
adverse cytotoxicity, excellent corrosion resistance, and a good combination of 
mechanical properties such as high strength and fatigue resistance, low modulus, 
good ductility, and good wear resistance  [1,15] . The two primary Ti base alloys 
used in implants today are commercially pure (C.P.) titanium and Ti - 6Al - 4V ELI 
(extra low interstitial impurity content). Recent studies show that the release of 
both V and Al ions from Ti - 6Al - 4V might cause long - term health problems, such 
as peripheral neuropathy, osteomalacia, and Alzheimer diseases  [16,17] . 

 Another issue with the existing Ti - base orthopedic alloys is that their modulus 
is signifi cantly higher than that of bone tissue ( ∼ 10 – 40   GPa), leading to  stress -
 shielding  that can potentially cause bone resorption and eventual failure of 
the implant  [18] . Thus, there is currently a substantial thrust directed towards 
the development of completely biocompatible low modulus implant alloys.  β  - Ti 
alloys exhibit a substantially lower modulus as compared with stainless steels, 
cobalt - based alloys and also conventional  α  β  alloys, such as Ti - 6Al - 4V. Recently 
developed biocompatible  β  - Ti alloys developed for this purpose include Ti - 12Mo -
 6Zr - 2Fe  [19] , Ti - 15Mo - 5Zr - 3Al  [20] , Ti - 15Mo - 3Nb - 3O  [21] , Ti - 13Nb - 13Zr  [22] , 
and Ti - 35Nb - 5Ta - 7Zr  [23] . Interestingly, while the role of microstructure in deter-
mining the properties has been well - recognized and critically addressed in the 
fi eld of structural materials, in the case of implant alloys, the role of the micro-
structure and the infl uence of processing on the microstructure has been sparsely 
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addressed in the literature. Therefore, there is an urgent need for the develop-
ment of a better understanding of microstructural evolution and property - 
microstructure relationships in implant alloys as a function of processing. 

 As noted above, the need for prosthesis implants such as hip implants is 
increasing at an alarming rate. While currently existing hip implants function 
appropriately, they do not represent the best compromise of required properties. 
Furthermore, presently the manufacturing of implants is largely via subtractive 
technologies involving substantial material wastage leading to increased costs and 
time of production. Therefore, an imperative need exists for functionally - graded 
hip implants representing a better balance of properties and manufactured via 
novel additive manufacturing technologies based on near - net shape processing. 

 Some specifi c problems associated with currently employed implant manu-
facturing processes and the consequent compromise in properties are listed below: 

  1.     The manufacturing is based on conventional casting and forging of compo-
nents followed by material removal steps via subtractive technologies such 
as precision machining. These technologies not only involve substantial 
wastage of material but are also limited to monolithic components without 
any compositional/functional changes within the same component.  

  2.     Diverse property requirements at different locations on an implant are 
satisfi ed by joining different components (for example, femoral stem and 
femoral head) made of different materials in a total hip replacement sys-
tem. This always leads to the formation of chemically abrupt interfaces 
that are detrimental to the properties of the implant.    

 The current manufacturing route for hip implants does not allow for custom -
 designing for specifi c patients with rapid turnaround times. Consequently, instead 
of custom - designing the implant, the surgeon is often forced to adapt the pre -
 existing design to fi t the patient ’ s requirements. This can become particularly 
challenging if the required physical dimensions of the implant differ substantially 
from those of the standard manufactured ones, such as implants to be used for 
children.  

  9.3   LASER PROCESSING OF ORTHOPEDIC BIOMATERIALS 

  9.3.1   Novel Processing Technology — Laser Engineered Net 
Shaping ( LENS  ™ ) 

 Similar to rapid prototyping technologies such as stereolithography, the LENS ™  
process  [3,24]  begins with a CAD design fi le of a three - dimensional component, 
which is electronically sliced into a series of layers. The information about each of 
these layers is transmitted to the manufacturing assembly. A metal or alloy sub-
strate is used as a base for depositing the component. A high power laser (capable 
of delivering several hundred watts of power) is focused on the substrate to create 
a melt pool into which the powder feedstock is delivered through an inert gas 
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fl owing through a multi - nozzle assembly. The nozzle is designed such that the 
powder streams converge at the same point on the focused laser beam. Subse-
quently, the substrate is moved relative to the laser beam on a computer - 
controlled stage to deposit thin layers of controlled width and thickness  [24] . 

 There are four primary components of the LENS ™  assembly: the laser 
system, the powder delivery system, the controlled environment glove box, and 
the motion control system. A 750   W Nd   :   YAG laser, which produced near - infrared 
laser radiation at a wavelength of 1.064    μ m, is typically used for the depositions. 
The energy density is in the range of 30,000 to 100,000   W/cm 2 . The oxygen content 
in the glove box is maintained below 10   ppm during the depositions. The powder 
fl ow rates are typically 2.5   g/min while the argon volumetric fl ow rate is main-
tained at three litres/min. The LENS ™  offers a unique combination of near - net 
shape manufacturing and rapid solidifi cation processing that can be particularly 
useful for manufacturing orthopedic implants. A schematic representation of the 
LENS ™  process is shown on the top of Figure  9.2 . 

    Figure 9.2.     Schematic representation and image of the LENS ™  laser deposition system. 

[Rajarshi Banerjee et al.  Laser Deposited Ti  -  Nb  -  Zr  -  Ta Orthopedic Alloys  (J. Bio. Mater. Res., 78A 

(2), 2006), 298.]  

750W Nd:Y

Glovebo:

AG  LASER



284 LASER PROCESSING OF ORTHOPEDIC BIOMATERIALS

 There the two powder feeders along with the laser setup and the visual 
monitor is drawn. The actual picture of the LENS equipment is shown in the 
bottom part of the fi gure. The LENS ™  process has been commercialized by the 
company Optomec Inc., based in the United States, and has been demonstrated 
to be a viable processing technology for fabrication of orthopedic implants, e.g., 
femoral hip implants. For example, a prototype hollow femoral implant made 
from Ti - 6Al - 4V using LENS ™  is shown in Figure  9.3 .   

 One of the key strength of LENS ™  processing is that by using a 
powder - feeder system consisting of multiple hoppers, it is possible to process 
compositionally - graded and consequently functionally - graded materials. Thus, 
by controlling the deposition rates from individual hoppers, it is possible to design 
compositionally graded materials as demonstrated in a number of previous 
papers on laser - processed compositionally - graded titanium alloys  [25 – 26] . From 
the viewpoint of orthopedic implants, compositionally - graded alloys can be par-
ticularly benefi cial since they will enable the development of custom - designed 
orthopedic implants with site - specifi c properties. Furthermore, engineering func-

    Figure 9.3.     LENS ™  deposited hip (femoral) implant with internal cavity. [Optomec Design 

Company, Albuquerque, New Mexico, U.S.]  
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tional gradation in these implants will allow for a single unitized component to be 
manufactured without any chemically or structurally abrupt interfaces leading to 
enhanced properties and performance.  

  9.3.2   Proposed Design of Functionally - Graded Hip Implant 

 Since there are distinct property requirements at different locations of the femoral 
(hip) implant, satisfying all these requirements in a monolithic implant is rather 
challenging. However, using the LENS ™  process with multiple powder feeders, it 
might be possible to produce a functionally - graded implant in its near - net shape 
form with site - specifi c properties. Firstly, the idea is to fabricate the basic core 
structure of the femoral stem and head assembly using LENS ™ . This core - 
structure can also be hollow, similar to the prototype shown in Figure  9.3 . 
However, instead of Ti - 6Al - 4V, the material of choice for the core of the femoral 
stem and head assembly will be based on the newer generation beta - Ti alloys, 
such as those based on the Ti - Nb - Zr - Ta system. This alloy system exhibits a low 
modulus and consists of completely biocompatible alloying elements. Both solid 
geometries as well as stems with internal cavities can be processed in order to 
achieve an optimum balance of mechanical properties. Since the surface of the 
femoral stem is required to exhibit excellent osseointegration properties, addi-
tional roughness can be introduced on the surface of the stem by laser depositing 
lines of the same alloy in the form of a grid. The pattern of these lines/grid can 
be optimized for achieving the best potential of osseointegration based on trial 
 in vitro  studies. 

 As discussed previously, one of the primary requirements of the femoral head 
(ball part of the ball - socket joint) is excellent wear resistance, especially against 
the internal surface of the acetabular cup. Titanium and its alloys typically exhibit 
rather poor wear resistance. Therefore, the femoral head is often made of ceramic 
or a Co - Cr - Mo based alloy which exhibit very good wear resistance. The acetabu-
lar cup is often made of titanium with the internal surface coated with a special 
polyethylene (UHMWPE). While the use of a ceramic femoral head improves the 
wear resistance, it typically exhibits poor fracture toughness and the joint between 
the head and the stem (made of Ti alloy) creates a weak interface between two 
dissimilar materials. A more appropriate approach might be to manufacture the 
core of the femoral stem and head assembly in the form of a single monolithic 
component and use surface engineering to improve the wear resistance of the 
base Ti alloy locally in the femoral head section. Thus, as discussed before, the 
LENS ™  process will be used to initially deposit an integrated femoral stem - head 
assembly using the Ti - Nb - Zr - Ta based beta - Ti alloy and subsequently, a boride 
(or carbide) reinforced Ti - Nb - Zr - Ta alloy will be deposited in a graded fashion on 
the femoral head section of the implant. In this manner, the core of the femoral 
head will be made of the same tough  β  - Ti alloy as the structural core of the 
femoral stem while the surface of the femoral head will comprise of a hard and 
wear - resistant metal - matrix composite. An ideal candidate for the outer layers of 
the wear - resistant femoral head is the Ti - Nb - Zr - Ta - B system, which forms hard 
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titanium boride precipitates within the soft beta titanium matrix and substantially 
enhances its wear resistance. 

 Based on the above discussion, it is evident that basically two types of materi-
als will need to be processed using LENS ™  for these functionally - graded implants. 
The individual materials that will eventually be integrated into the femoral hip 
implant are listed below: 

  1.     Beta titanium based Ti - Nb - Zr - Ta alloys deposited using LENS ™  from a 
blend of elemental powders.  

  2.     Metal - matrix composites based on titanium boride reinforced Ti - Nb - Zr -
 Ta alloys deposited using LENS ™  and compositionally graded compos-
ites with gradations from Ti - Nb - Zr - Ta to Ti - Nb - Zr - Ta   +   TiB (borides) 
deposited using LENS ™ .     

  9.3.3   Laser Processed  Ti - Nb - Zr - Ta  Alloys 

  9.3.3.1   Details of Processing and Characterization Methods Used.     The 
specifi c alloy composition chosen was Ti - 35Nb - 7Zr - 5Ta (wt%) (henceforth 
referred to as TNZT), based on the good balance of properties reported for the 
conventionally - processed material of this composition  [27] . All the LENS ™  
depositions were carried out on a commercially procured Ti - 6Al - 4V alloy 
substrate. The LENS ™  unit used for these depositions was manufactured by 
Optomec Inc., Albuquerque, New Mexico. The  in situ  alloys were deposited from 
a blend of pure elemental Ti, Nb, Zr, and, Ta powders mixed in the ratio of 53   wt% 
Ti   +   35   wt% Nb   +   7   wt% Zr   +   5   wt% Ta. The elemental powder feedstock used for 
these depositions are as follows: 

  Ti: 99.9% pure,  − 150 mesh (from Alfa Aesar)  
  Nb: 99.9% pure,  − 200    ×    325 mesh (from Reading alloys)  
  Zr: 99.8% pure,  − 140/+325 mesh (from CERAC)  
  Ta: 99.98% pure,  − 100 mesh (from Alfa Aesar)    

 The laser power used in these depositions was  ∼ 350   W. The hatch width (gap 
between two successive passes of the laser beam), layer spacing (the gap between 
two successive layers deposited), and travel speed (the speed at which the sub-
strate is moved with respect to the laser beam), used for all depositions were 
0.38   mm, 0.25   mm, and, 635   mm/min, respectively. The LENS ™  deposited alloys 
had a cylindrical geometry with a diameter of 12   mm and a height of 30   mm. 
Tensile specimens were machined from the as - deposited cylinders and tested 
in tension to failure by fracture. The tensile specimens were machined as per 
ASTM standards, E - 8(00) with the dimensions of the gage being 3.6   mm diame-
ter    ×    20.6   mm length. These specimens were subsequently characterized in detail 
by scanning electron microscopy (SEM), orientation imaging microscopy (OIM), 
and transmission electron microscopy (TEM). The SEM/OM studies were carried 
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out in a FEI/Philips XL - 30 SEM equipped with a fi eld emission gun (FEG) source, 
an electron backscatter EBSD detector, as well as an EDS detector. Sample prep-
aration for TEM studies involved drilling of 3   mm diameter cylinders by Electro -
 discharge Machining (EDM), followed by sectioning of thin discs from these 
cylinders, which were subsequently mechanically thinned and ion - milled to elec-
tron transparency in a Gatan Duo Mill. The TEM specimens were characterized 
in a Philips CM200 TEM at an operating voltage of 200   keV.  

  9.3.3.2   Microstructure and Mechanical Properties.     The microstructure 
of the LENS ™  - deposited TNZT sample is shown in the backscatter SEM image 
in Figure  9.4 a  [28] . It is evident from this image that the as - deposited alloy is pri-
marily single phase with no substantial compositional inhomogeneity. The same 
was confi rmed by x - ray diffraction (XRD) studies on the same sample. A repre-
sentative XRD pattern from this sample is shown in Figure  9.4 (b). This XRD pat-
tern indicates the presence of a single  β  phase in the as - deposited TNZT sample. 
The composition of the alloy, as determined from EDS studies in the SEM, was 
found to be Ti - 34%Nb - 7%Zr - 7%Ta (all in wt%). (The error associated with the 
measurement of compositions using EDS in a SEM is typically  ∼ 1 – 2%.) As com-
pared with the target composition, there is a marginal increase in the Zr and Ta 
contents in the LENS ™  deposited alloy, presumably due to the differences in the 
fl ow rate of Zr and Ta powders as compared with Ti and Nb powders.   

 Nevertheless, considering that this chemically complex alloy was deposited 
 in situ  from a blend of elemental powders, the composition is within reasonable 
limits of the target composition. In addition, the oxygen contents of these samples, 
measured using were  ∼ 0.16   wt%. A bright - fi eld TEM micrograph of the as - 
deposited sample is shown in Figure  9.5 a. This image shows a grain boundary 
between two  β  grains. A selected area diffraction (SAD) pattern recorded along 
the [113]  β  zone axis is shown in Figure  9.5 b. In this SAD pattern, in addition to 
the primary refl ections arising from the  β  matrix, secondary precipitate refl ec-
tions are also visible along the  g    =   (21 - 1) β  vector. The intensity profi le along the 
 g    =   (21 - 1) β  vector is shown in Figure  9.5 b below the SAD pattern. These second-
ary refl ections are present at the 1/3 and 2/3 (21 - 1) β  as well as at the 1/2 (21 - 1) β  
locations and other equivalent vectors. While the secondary refl ections at the 1/3 
and 2/3 (21 - 1) β  positions can be attributed to precipitates of the  ω  phase in the  β  
matrix, the refl ections at 1/2 (21 - 1) β  positions can be attributed to nanometer -
 scale precipitates of the  α  phase within the same  β  matrix  [26,29] . Therefore, it can 
be concluded that in the as - deposited condition, these alloys consist predomi-
nantly of a  β  matrix with nanometer - scale  ω  and  α  precipitates.   

 The engineering stress - strain curve for the as - deposited tensile sample is 
shown in Figure  9.6 . The corresponding mechanical properties of this sample have 
been tabulated as insets in the same fi gure. The alloy exhibits a relatively 
low modulus,  ∼ 55   GPa, but reasonably high yield ( ∼ 814   MPa) and tensile (UTS 
 ∼ 834   MPa) strengths. These strength values are substantially higher than those 
reported for alloys of similar composition in the solution - treated condition while 
the modulus is comparable. The yield strength and UTS of Ti - 35Nb - 7Zr - 5Ta in 
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    Figure 9.4.     (a) Backscatter SEM image of LENS ™  as - deposited TNZT alloy. (b) X - ray diffrac-

tion plot from the same as - deposited TNZT alloy indicating a single  β  phase. [Rajarshi Banerjee 

et al.  Laser Deposited Ti  -  Nb  -  Zr  -  Ta Orthopedic Alloys  (J. Bio. Mater. Res., 78A (2), 2006), 298.]  

the solution - treated condition have been reported to be 530   MPa and 590   MPa 
respectively  [1,27,30] . It has also been reported that the yield and tensile strength 
of these alloys increase with oxygen content. Thus, with 0.46   wt% oxygen in the 
alloy, the yield strength has been reported to be  ∼ 937   MPa and UTS  ∼ 1014   MPa in 
the solution - treated condition  [27] . Since the oxygen content in the LENS ™  
deposited TNZT alloys is not as high as 0.46   wt%, the increased strength in these 
samples cannot be solely attributed to the oxygen content. Other possible reasons 
for increased strength are the presence of the fi ne scale  ω  and  α  phases. However, 
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    Figure 9.5.     (a) Bright fi eld TEM 

micrograph showing a grain 

boundary between two grains 

of  β  in the LENS ™  as - deposited 

sample. (b) [113] zone axis SAD 

pattern from the  β  matrix showing 

secondary refl ections from the 

nanoscale  ω  and  α  precipitates 

present in this sample. An intensity 

profi le along the  g    =   (21 - 1) β  axis 

is shown below the SAD pattern. 

[Rajarshi Banerjee et al.  Laser 

Deposited Ti  -  Nb  -  Zr  -  Ta Orthopedic 

Alloys  (J. Bio. Mater. Res., 78A (2), 

2006), 298.]  
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it should be noted that these nanometer - scale precipitation products have been 
reported in other conventionally - processed TNZT alloys which exhibited a 
similar modulus but a substantially lower strength  [30,31] . In the stress - strain plot 
shown in Figure  9.6 , there is a dip in the plot just after yielding (initiation of 
plastic deformation). This dip in the stress can be attributed to the classic yield 
point phenomena, which is often observed in case of metals and alloys exhibiting 
a  bcc  crystal structure  [32] .    

  9.3.3.3   Deformation Mechanisms.     In order to investigate the reason for 
the enhanced strength in greater detail, SEM - OM and TEM studies have been 
carried out on the LENS ™  deposited samples post tensile testing. A cross - section 
OM map of a tensile specimen, recorded from the gauge section, is shown in 
Figure  9.7 a. The viewing direction is parallel to the tensile axis. This OM map has 
been pseudo - colored based on the crystallographic orientations (Euler angles) 
of the different regions of the sample. Regions exhibiting the same crystallo-
graphic orientation are depicted in the same color. The map shown in Figure  9.7 a 
is a direct image of the grains in this sample. The average grain size is  ∼ 50    μ m as 
determined by the TSL OIM Analysis software based on ASTM standards for 
grain size measurement. In addition to the grain size and morphology, the actual 
crystallographic orientations of the different grains can be determined as shown 
in the pole fi gures for the  β  phase in Figure  9.7 b. This pole fi gure corresponds to 
grains in a region of 1   mm    ×    1   mm of the gage section. The {001} β , {011} β , {111} β , 
and, {112} β  pole fi gures are shown. These pole fi gures indicate that there is a pref-
erential alignment of the {001} poles for a substantial number of the  β  grains 
nearly perpendicular to the substrate, or parallel to the tensile axis.   

 Thus, most of the  β  grains seen in Figure  9.7 a have a  < 001 >  axis along the 
viewing direction that is parallel to the tensile axis. This preferential alignment of 

    Figure 9.6.     An engineering stress - strain curve for the LENS ™  deposited TNZT tensile sample. 

[Rajarshi Banerjee et al.  Laser Deposited Ti  -  Nb  -  Zr  -  Ta Orthopedic Alloys  (J. Bio. Mater. Res., 78A 

(2), 2006), 298.]  
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the  β  grains indicates the possible presence of a  < 001 >  texture in the as - deposited 
sample. OM maps were acquired at three different locations on the sample and in 
each map  ∼ 50 – 100 grains were analyzed. Furthermore, it should be noted that 
these maps covered areas ranging from 0.7   mm    ×    0.7   mm to 1   mm    ×    1   mm. Since 
the gage section of the tensile specimen has a diameter of  ∼ 3   mm, these maps 
represented substantial fractions of the gage section. In all cases, the pole fi gures 

    Figure 9.7.     (a) Pseudo - colored OIM map from the cross - section of the tensile - tested LENS ™  

deposited TNZT sample viewed parallel to the tensile axis. The  β  grains are clearly visible in this 

map. (b) {001}, {011}, {111}, and, {112} β  pole fi gures from the same sample exhibiting a strong 

 < 001 >  texture. [Rajarshi Banerjee et al.  Laser Deposited   Ti  -  Nb  -  Zr  -  Ta Orthopedic Alloys  (J. Bio. 

Mater. Res., 78A (2), 2006), 298.] (See color insert.)  

(a)

(b)

670 μm

001 011

111 112

TD TD

TD

RD RD

RD RD

max = 26.480
15.338
8.884

5.146
2.981

1.726
1.000
0.579

min = –3.662



292 LASER PROCESSING OF ORTHOPEDIC BIOMATERIALS

indicated the preferential  < 001 >  orientation of the  β  grains. Such a  < 001 >  texture 
has been previously reported for LENS ™  deposited Ti - Cr alloys  [33]  and is likely 
a result of the preferential texture resulting from the alloy solidifi cation. Further-
more, this  < 001 >  texture might infl uence the deformation mechanisms in these 
LENS ™  deposited samples and could lead to the enhanced yield and tensile 
strengths observed experimentally. However, more detailed studies are required 
in order to investigate these aspects of the deformation behavior. 

 A bright - fi eld TEM image of the tensile tested TNZT sample is shown in 
Figure  9.8 a. A large number of distinct shear bands are clearly visible in this TEM 
image. The presence of such shear bands indicates deformation dominated by a 
slip mechanism and also slip localization in shear bands. A SAD pattern recorded 
along the [113] β  zone axis from the same sample is shown in Figure  9.8 b. In this 
diffraction pattern, in addition to the primary refl ections arising from the  β  matrix, 
additional refl ections are also visible along the  g    =   (21 - 1) β  vector and vectors of 
the same type. A intensity profi le along the  g    =   (21 - 1) β  vector is also shown in 
Figure  9.8 b. From this intensity profi le, it is evident that while the secondary 
refl ections at the 1/2 (21 - 1) β  locations are quite distinct, those at the 1/3 and 2/3 
(21 - 1) β  locations are much lower in intensity and not as distinct as in case of the 
as - deposited LENS ™  sample prior to tensile testing (refer to the SAD pattern 
and the intensity profi le in Figure  9.5 b). Therefore, it appears that while well -
 defi ned  α  precipitates, giving rise to the secondary refl ections at the 1/2 (21 - 1) β  
locations, are present after the tensile testing, the  ω  precipitates, giving rise to the 
secondary refl ections at the 1/3 and 2/3 (21 - 1) β  locations, are not as well - defi ned. 
The intensity at these locations appears to be streaked along the  g    =   (21 - 1) β  
vector. Furthermore, comparing the relative intensity of the  ω  refl ections before 
and after tensile testing, it appears that the  ω  precipitates are likely to be of 
smaller size in the tensile tested samples as compared to the LENS ™  as - 
deposited sample. The reduction in the average size of the  ω  precipitates is likely 
to be a consequence of shearing of these precipitates by the dislocations during 
plastic fl ow. Such precipitate shearing at the nanoscale would consequently result 
in slip localization and the formation of shear bands that is experimentally 
observed in the tensile - tested samples.   

 The dislocations within the shear band have been imaged under two - beam 
imaging conditions in the TEM and these results have been shown in Figure  9.9 . 
A two - beam bright - fi eld TEM image recorded using  g    =   (011) β  near the  [1 - 11]  β  
zone axis is shown in Figure  9.9 a. The shear bands and the dislocations within the 
shear bands are clearly visible in this diffraction contrast image. Another set of 
two images from the exact same location, recorded using two different two - beam 
imaging conditions are shown in Figures  9.9 b and  9.9 c. Thus, while Figure  9.9 b 
shows the two - beam bright - fi eld image recorded using  g    =   (011) β  near the  [3 - 11]  β  
zone axis, Figure  9.9 c has been recorded using  g    =   ( - 1 - 21) β  near the  [3 - 11]  β  zone 
axis. The dislocation contrast within the shear band, running almost parallel to the 
edge of the TEM foil, is visible in Figure  9.9 b but is invisible in the same region in 
Figure  9.9 c. The invisibility criterion for  g    =   ( - 1 - 21) β  suggests that most of these 
dislocations possibly have a burgers vector of the type 1/2 < 111 >   β  as would be 
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    Figure 9.8.     (a) Bright fi eld TEM 

micrograph from the tensile - tested 

LENS ™  deposited TNZT sample 

showing a large number of shear 

bands after the deformation. 

(b) [113] zone axis SAD pattern 

from the  β  matrix showing 

secondary refl ections from the 

nanoscale  ω  and  α  precipitates 

present in this sample. An intensity 

profi le along the  g    =   (21 - 1) β  axis 

is shown below the SAD pattern. 

Note the substantial reduction in 

the intensity of  ω  refl ections in this 

pattern as compared with a similar 

SAD pattern prior to deformation 

(refer to Fig. 5(b)). [Rajarshi 

Banerjee et al.  Laser Deposited Ti  -

  Nb  -  Zr  -  Ta Orthopedic   Alloys  (J. Bio. 

Mater. Res., 78A (2), 2006), 298.]  
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    Figure 9.9.     (a) Bright - fi eld two - beam image recorded using  g    =   (011) β  showing diffraction 

contrast from the dislocations within the shear bands in the tensile deformed TNZT sample. 

A set of bright - fi eld images recorded from the exact same region using different two - beam 

imaging conditions are shown in (b) and (c). (b) has been recorded using  g    =   (011) β  while (c) 

has been recorded using  g    =   ( - 1 - 21) β . While the dislocation contrast is clearly visible in (b), it is 

invisible in (c). [Rajarshi Banerjee et al.  Laser Deposited Ti  -  Nb  -  Zr  -  Ta   Orthopedic Alloys  (J. Bio. 

Mater. Res., 78A (2), 2006), 298.]  
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(b) (c)
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expected in such  bcc  alloys. Similar invisibility conditions have been observed at 
other locations in the same sample when imaging using  g    =   {112} β  type two - beam 
conditions  [28] .   

 Finally, an additional feature observed in these LENS ™  deposited samples 
was the presence of a modulated contrast as shown in Figures  9.10 a and  9.10 b. 
Figure  9.10 a is a lower magnifi cation bright - fi eld TEM image showing the shear 
bands and the modulated contrast in the background. A higher magnifi cation 

    Figure 9.10.     (a) Bright - fi eld 

TEM image of a highly refi ned 

scale modulated contrast within 

the  β  matrix in addition to the 

contrast arising from the shear 

bands. (b) A higher magnifi ca-

tion image of the same modu-

lated contrast. This contrast 

could possibly be associated 

with fi ne scale dendrites in the  β  

matrix of this LENS ™  deposited 

alloy. [Rajarshi Banerjee et al. 
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image of the modulated contrast is shown in Figure  9.10 b. This modulated con-
trast occurs at a highly refi ned scale in this material ( < 50   nm as seen in Figure 
 9.10 b). While the origin of this modulated contrast is the subject of ongoing inves-
tigations, based on its appearance it can be speculated that this contrast is arising 
from a highly - refi ned dendritic solidifi cation of this alloy. Such refi ned scale den-
drites are likely in LENS ™  deposited alloys due to the rapid solidifi cation rates 
inherent to the process  [3,24] .    

  9.3.3.4   Corrosion Resistance of  LENS  ™  Deposited  Ti - Nb - Zr - Ta  
Alloys.     Anodic polarization tests were carried out on LENS ™  deposited TNZT, 
CP Ti and Ti - 6Al - 4V ELI samples and also on the boride reinforced TNZT sam-
ples. The specimens used were in the form of discs with a diameter of 15   mm and 
were polished to a surface fi nish of 0.3    μ m. The samples were then cleaned ultra-
sonically and were employed as the working electrode in the test cell. The tests 
were carried out in two different media, 0.1   N HCl and a simulated body solution 
known as the Ringers Solution. The Ringers solution has a composition of NaCl 
9   g/l, KCl 0.43   g/l, CaCl 2  0.24   g/l, NaHCO 3  0.2   g/l  [34] . The anodic polarization test 
was performed from an initial potential of  − 1.5 Volts to 5   V at room temperature 
at a scan rate of 0.166   mV/s and the current density was recorded continuously. 
A saturated calomel electrode was used as a reference electrode and a platinum 
wire as a counter electrode. The tests were repeated to ensure the reproducibility 
of the data obtained. A detailed spectroscopic analysis using X - Ray photoelec-
tron spectroscopy was performed on the corrosion product (oxide layer) formed 
on the TNZT alloy. 

 Anodic polarization plots for the three materials in 0.1   N HCL, LENS ™  
deposited TNZT, CP Ti and Ti - 6Al - 4V are shown in Figure  9.11 . All the three 

    Figure 9.11.     Anodic Polarization curve for CP - Ti, Ti - 6Al - 4V ELI and TNZT in 0.1   N HCl. [Sonia 

Samuel, (M.S. Thesis, Dept of Mater. Sci. and Eng., University of North Texas, 2007)]  
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materials tested showed a clear active to passive transition at E Corr  values close to 
0   V. There is not much signifi cant difference in the free potential E corr  values for 
these materials. The active - to - passive transition corresponds to the formation of 
a passive protective oxide fi lm on the surface of the material. In the case of the 
conventional alloys Ti - 6Al - 4V and CP - Ti, the fi lm that forms breaks down at a 
potential close to 1.5   V, typically referred to as the breakdown potential, while in 
the case of LENS ™  deposited TNZT alloys the passive fi lm does not show any 
breakdown up to a voltage of 5   V and above. The critical current density values 
for CP Ti and Ti - 6Al - 4V are  ∼ 8.4   uA/m 2  and  ∼ 5.3   uA/m 2 , respectively, whereas 
that of TNZT is marginally higher,  ∼ 10.4   uA/m 2 . Though the critical current 
density of TNZT alloys are higher than CP - Ti and Ti - 6Al - 4V, the E tp  or the trans-
passive potential for this alloy is higher than 5   V, while E tp  for Ti - 6Al - 4V and CP 
Ti are  ∼ 1.3 and  ∼ 1.5   V respectively. Thus it can be concluded that LENS ™  depos-
ited TNZT forms a more adherent surface oxide layer, exhibiting better corrosion 
resistance in 0.1   N HCl as compared to CP - Ti and Ti - 6Al - 4V.   

 Anodic polarization tests were also performed in simulated body fl uid 
(Ringer ’ s solution). The materials compared were Ti - 6Al - 4V ELI, TNZT and 
boride reinforced TNZT composite. The processing and tribological properties of 
the boride reinforced TNZT composite have been discussed in the succeeding 
section. The testing Ringer ’ s solution used comprised of NaCl 9   g/l, KCl 0.43   g/l, 
CaCl 2  0.24   g/l, and, NaHCO 3  0.2   g/l. Similar to the case of the testing in 0.1   N Hcl, 
described previously, the potential was measured with reference to a Saturated 
Calomel electrode and was varied from  − 2   V to 5   V with a scan rate as low as 
0.166   mV/s. Current density was plotted simultaneously and the resulting anodic 
polarization curves for the three materials are shown in Figure  9.12 . All three 

    Figure 9.12.     Anodic Polarization curve for Ti - 6Al - 4V ELI, TNZT and TNZT   +   2B in Ringers Solu-

tion. [Sonia Samuel, (M.S. Thesis, Dept of Mater. Sci. and Eng., University of North Texas, 2007)]  
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materials show a clear active to passive transition at E Corr  values close to 0   V. There 
is no signifi cant difference in the free potential values, E corr  for these materials. In 
contrast to testing in 0.1   N HCl, in Ringers Solution none of the three materials, 
Ti - 6Al - 4V, TNZT, or TNZT   +   2B, exhibited any breakdown of the protective 
oxide fi lm formed on the surface even at potentials as high as 5   V. The critical 
current density value for TNZT alloy ( ∼ 17   uA/cm 2 ) is marginally higher than 
that observed for Ti - 6Al - 4V ( ∼ 14   uA/cm 2 ). Ti - 6Al - 4V and TNZT   +   2B ( ∼ 15.36   uA/
cm 2 ) exhibited similar critical current densities. The anodic polarization curve 
shows no breakdown suggesting the formation of a very stable passive oxide 
fi lm on the surface. Thus, it can be inferred that all the three materials are highly 
corrosion resistant in Ringers solution. The typical values of E tp  or E br , (break-
down potential) reported under similar conditions of testing in Ringer ’ s solution, 
for Stainless Steels and Co - Cr - Mo alloys are  ∼ 300 – 500   mV, which can easily 
be reached in the body in the case of an infl ammation  [35] . The substantially 
higher values ( > 5   V) of E tp  for Ti - 6Al - 4V, TNZT and TNZT   +   2B indicate 
that these materials have superior corrosion resistance in simulated body fl uid 
conditions.    

  9.3.3.5    XPS  Studies of the Passive Oxide Film on  LENS  ™  Deposited 
 TNZT .     The superior biocompatibility and corrosion resistance of titanium alloys 
are attributed to the stable and dense passive oxide fi lm that forms on the surface 
in the presence of an oxidizing media. The bio - adhesion of titanium is achieved 
by free OH  -   groups that are available in the pH region from 2.9 to 12.7 on the 
surface of the oxide layer. These groups react with the bio molecules and are 
infl uenced by the chemical and biological characteristics of the surface fi lm. The 
interaction of the surface oxide fi lm with the bio molecules from the body fl uids 
generates a fi lm called the bio fi lm. The host body initiates a series of reactions 
in response to this bio fi lm thereby enabling the development of the interface 
between the implant and the surrounding tissue. 

 Typical hostile bio - responses after implant surgery include the buildup of 
monocytes and macrophages (after one day), formation of granulation tissue con-
taining fi broblasts and type III collagens (after fi ve days) and fi nally attack of 
foreign body giant cells. Thus, from the perspective of biocompatibility, it is 
important to develop a better understanding of the properties of the oxide fi lm 
forming on the surface of the implant alloy. These properties include composition, 
thickness and the structure of the oxide layer. Surface analytical techniques, such 
as x - ray photoelectron spectroscopy (XPS), can be effectively used to probe the 
thin surface oxide layers, created by anodic polarization tests on these LENS ™  
deposited TNZT alloys  [36] . There have been several studies related to the oxide 
layer forming on electrochemically tested (or treated) Ti - 6Al - 4V alloys. In most 
cases, the results indicate that the surface oxide layer on Ti - 6Al - 4V comprises 
mainly of TiO 2  with small amounts of sub oxides TiO and Ti 2 O 3 . Hence, in the 
present case, a detailed XPS analysis of the surface oxide layer formed on LENS ™  
deposited TNZT has been carried out. 
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 The XPS runs were carried out on a Thermo VG Scientifi c ESCALAB MKII 
spectrometer system using a standard Al - K α  X - ray source at 280   W and electro-
static analysis in constant pass energy mode of 200   eV for survey scans and 20   eV 
for regional scans. Argon sputtering was carried out for different time intervals to 
assess the chemical compositions at different sputtered depths in a systematic 
manner. The elements scanned for were C1s, O1s, Ti2p, Nb3d, Ta4f and Zr4f. XPS 
scans were also performed on the surface of the base material without the oxide 
layer for comparison. Carbon was present as a contaminant, and as expected, the 
amount of carbon decreased with increasing sputter depth. 

 In Figure  9.13 , XPS spectra corresponding to the energy window for the Ti2p 
peak are shown, for sputter time periods of zero, twelve and twenty - two minutes 
on the surface oxide of the TNZT alloy subjected to electrochemical testing. For 
comparison, in the same fi gure, the spectra corresponding to the base TNZT alloy 
without the oxide layer, sputtered for a time interval of 30 minutes is also shown. 
As observed from the spectra, the TiO 2  2p3/2 (E b    =   458.4   eV)  [37]  peak is observed 
on the surface (zero minutes sputtering) as well as after sputtering for 22 minutes 
into the oxide layer. The peak corresponding to metallic titanium is observed with 
a binding energy of E b    =   453.7   eV  [37]  after sputtering into the oxide layer for 22 
minutes. The metallic titanium peak is also observed in case of the base material 
(without oxide layer). These results indicate that 22 minutes of sputtering pre-
sumably removes the oxide layer and the base metallic alloy begins. Also the 
presence of TiO 2  even after sputtering for 22 minutes suggests the presence of a 

    Figure 9.13.     XPS Spectra of Ti2p on the oxide and base TNZT. [Sonia Samuel, (M.S. Thesis, 

Dept of Mater. Sci. and Eng., University of North Texas, 2007)]  
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mixed metal   +   oxide layer. Figure  9.14  shows the XPS spectra corresponding to 
the Nb3d peak after different sputtering time periods of zero, twelve and twenty -
 two minutes into the surface oxide layer of the LENS ™  deposited TNZT alloy. 
The surface of the oxide layer showed the presence of Nb 2 O 5  3d5/2 (E b    =   207.01   eV) 
oxide and an oxy - nitrile of the composition NbN(1 - y)O(y) 3d5/2. (E b    =   203.6   eV). 
After sputtering for 12 minutes and beyond into the oxide layer, other types of 
niobium oxides are detected including, NbO 2 , NbO0.2Nb and NbO. Metallic Nb 
peak appears after sputtering for 22 minutes into the oxide layer. As in the case 
of titanium, niobium oxide peaks are detected in the XPS spectra even after a 
sputtering of 30 minutes into the oxide layer suggesting the presence of a mixed 
metal   +   oxide layer. In the case of the elements Zr and Ta XPS spectra were col-
lected for conditions similar to those used for Ti and Nb as shown in Figures  9.15  
and  9.16 . In the case of Zr the oxide present in the surface passive layer was found 
to be ZrO 2  and after sputtering for about 22 minutes into the oxide layer, the 
peaks corresponding to the metallic Zr was detected, as seen in Figure  9.15 . Inter-
estingly in case of Ta, as seen in Figure  9.16 , while Ta 2 O 5  was the oxide present in 
the surface passive layer, metallic tantalum was also detected even for 0   mins 
sputtering. This can be explained based on the fact that since Ta is a much more 
noble metal as compared to Ti, Nb, or Zr, there is a substantially reduced ten-
dency for the oxidation of this alloying element in the surface passive layer 
forming on the LENS ™  deposited TNZT alloy. A summary of the different oxides 
detected in the passive oxide layer on the surface, based on the XPS studies, is 
shown in Table  9.1 .      

    Figure 9.14.     XPS Spectra of Nb3d on the oxide and base TNZT. [Sonia Samuel, (M.S. Thesis, 

Dept of Mater. Sci. and Eng., University of North Texas, 2007)]  
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    Figure 9.15.     XPS Spectra of Zr3d on the oxide and base TNZT. [Sonia Samuel, (M.S. Thesis, 

Dept of Mater. Sci. and Eng., University of North Texas, 2007)]  
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    Figure 9.16.     XPS Spectra of Ta4f on the oxide and base TNZT. [Sonia Samuel, (M.S. Thesis, 

Dept of Mater. Sci. and Eng., University of North Texas, 2007)]  

Ta4fData_Sputtering0min

Ta4fData_Sputtering12min

Ta4fData_Sputtering22min

Ta4fData_Base

6000

9000

12000

15000

18000

C
P

S

35 30 25 20 15

BE eV

Ta2O54f7/2

Ta2O54f7/2

Ta2O54f7/2

Ta2O54f7/2

Ta
 
4f7/2

Ta
 
4f7/2

Ta
 
4f7/2

Ta
 
4f7/2

Ta
 
4f7/2

Ta
 
5p3/2

Ta
 
5p3/2

TNZT Oxide

Ta 4f



302 LASER PROCESSING OF ORTHOPEDIC BIOMATERIALS

 TABLE 9.1.     Analysis of the  XPS  Spectra: A Summary of the Different Oxides Detected in 
the Passive Oxide Layer on the Surface 

   Sputtering time (min)     Ti based     Nb based     Ta based     Zr based  

  0    TiO 2     Nb 2 O 5 , NbN(1 - y)O(y)    Ta 2 O 5 , Ta    ZrO 2   
  12    TiO 2 , Ti    Nb 2 O 5 , NbO 2 , NbO0.2/Nb    Ta 2 O 5 , Ta    ZrO 2   
  22    TiO 2 , Ti    Nb 2 O 5 , NbO, Nb    Ta 2 O 5 , Ta    ZrO 2 , Zr  
   Base     TiO 2 , Ti     Nb 2 O 5 , NbO, Nb     Ta 2 O 5 , Ta     ZrO 2 , Zr  

  9.3.3.6   Preliminary In Vitro Studies on  LENS  ™  Deposited  TNZT .     Bone 
formation is a complex process involving the migration of bone cells to the bone 
surfaces termed as bone proliferation of the osteoprogenitor cells and their sub-
sequent differentiation into osteoblasts. Hence assessing the extent of bone pro-
liferation and bone differentiation on the surface of a material of interest is a 
method to evaluate its biocompatibility. In this study, primary rat bone marrow 
cells isolated from the femurs of Sprague Dawley rats were seeded in T - 75 fl asks 
and subsequently incubated. Seeded cells were then detached and resuspended 
in media to achieve a seeding density of 10,000 cells /cm 2  and added on to the 
Ti - 6Al - 4V and TNZT disk samples. Following this the disks were incubated for 
6 hours to allow for cell adhesion. The disks were then transferred to well plates 
used as positive controls. After the fourth and the seventh day or (third and the 
sixth day) the disks were treated with a lysing agent and cells grown on top of the 
disks were scraped and the lysate was pippetted out. A Pico green assay kit was 
used to quantitatively determine the amount of double stranded DNA present 
in the cultured cells. Alkaline phosphate, an enzyme found in the early stages of 
osteoblast formation, was used as an early marker of the differentiation of bone 
marrow stromal cells into osteoblast cells. This experiment was repeated twice to 
ensure the reproducibility in the test results. 

 In the fi rst set of data obtained, shown in Figure  9.17 a, it was observed that 
rate of bone proliferation measured as a function of the amount of DNA present 
in the cultured cells was higher in the case of LENS ™  deposited TNZT alloys 
when compared to the control Ti - 6Al - 4V ELI after four days. However, after 
seven days, both the Ti - 6Al - 4V and TNZT exhibited almost the same rate of bone 
proliferation. The rate of bone differentiation studied using Alkaline Phosphate 
enzyme as a marker showed a signifi cant amount of ALP enzyme in the TNZT 
sample when compared to the Ti - 6Al - 4V, indicating enhanced bone differentia-
tion after a period of seven days. As seen from Figure  9.17 b, the amount of ALP 
enzyme that was present in case of the Ti - 6Al - 4V sample was relatively lower 
than that present in the TNZT sample. These preliminary  in vitro  results are quite 
encouraging and suggest that laser deposited TNZT alloys are biocompatible 
since they aid both in bone cell proliferation and differentiation. The second sets 
of experiments were also done under conditions similar to those used for the fi rst 
set of tests and the results from these experiments are shown in Figures  9.18 a and 
 9.18 b. The PicoGreen DNA assays (Invitrogen) have been used to measure total 
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    Figure 9.17.     (a) Bone cell 

proliferation and (b) Bone cell 

differentiation results from the 

fi rst test. [Sonia Samuel, (M.S. 

Thesis, Dept of Mater. Sci. and 

Eng., University of North Texas, 

2007)]  
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DNA concentration, which is correlated to the cell number grown on the surfaces. 
Studies of DNA were performed after three and six days of bone cell seeding. The 
results are presented as shown in Figure  9.18 . The ALP assays are used to measure 
the ALP production per ng DNA for each sample used to indicate the bone cell 
differentiation. It was observed that the TNZT samples allow for substantially 
enhanced bone cell differentiation of bone marrow stem cells as compared to the 
Ti - 6Al - 4V ELI control samples. In contrast, cell growth on TNZT samples is not 
as good as those grown on control samples in this second set of experiments. 
These results suggest that the laser deposited Ti - 35Nb - 7Zr - 5Ta alloy promotes 
the osteogenic potential of bone marrow stem cells compared to the Ti - 6Al - 4V 
ELI alloy.     
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  9.3.4   Laser Processed Titanium Boride Reinforced  Ti - Nb - Zr - Ta  
Metal - matrix Composites 

  9.3.4.1   Wear Resistance of Titanium Alloys and Titanium Matrix 
Composites.     As discussed previously, titanium alloys, including beta alloys, typi-
cally exhibit rather poor wear resistance, consequently limiting their application 
in the femoral head. Frictional behavior of some selected orthopedic biomaterials 
has been studied by Rack and Long  [38,39] . The four titanium alloys they studied 
were Ti - 35Nb - 8Zr - 5Ta with slightly different compositions (TNZT and TNZTO), 
a metastable  β  - Ti alloy (21SRX) and Ti - 6Al - 4V ELI (Extra Low Interstitial). The 
steady state dynamic coeffi cient of friction values in sliding contacts for the meta-
stable  β  - Ti alloys were always higher than that of the Ti - 6Al - 4V alloy under all 
conditions of contact stresses tested. Post - wear testing the surfaces exhibited 

    Figure 9.18.     (a) Bone cell proliferation and (b) Bone cell differentiation results from the sec-

ond test. [Sonia Samuel, (M.S. Thesis, Dept of Mater. Sci. and Eng., University of North Texas, 

2007)]  
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extensive plastic deformation accompanied with micro - plowing and micro - 
cracking perpendicular to the sliding direction. 

 In addition, shear delamination and smearing with transfer of material from 
the wear surface to the counterpart material was also observed. Surface topogra-
phy analysis showed that the roughness of the metastable Ti alloys tested were 
higher than that for the Ti - 6Al - 4V alloy  [39] . Also the TNTZ alloys were sub-
jected to different heat treatments in order to study the effect of heat treatment/
microstructure on wear resistance. The wear loss measurements indicate that 
heat treatment is not a practical way to improve the wear resistance of the Tita-
nium alloys. The TNTZ and the Ti - 6Al - 4V alloys were then subjected to thermal 
oxidation to study the effect of an oxide layer on wear resistance. Results indicate 
that the presence of an oxide layer greatly improves the wear resistance of both 
TNZT alloys as well as that of Ti - 6Al - 4V  [40] . 

 In addition to base titanium alloys, previous research has been devoted to 
the study of hard boride reinforcements in the Ti matrix. Sliding wear properties 
of TiB/Ti - 6Al - 4V metal matrix layer fabricated using laser cladding and laser 
melt injection were evaluated in a previous study  [41]  and showed an improve-
ment in the tribological properties of this MMC layer. The results of the wear 
studies reported highlighted the excellent wear resistance of the Laser engi-
neered TiB/Ti - 6Al - 4V MMC layers  [41] . Hence these composites combine the 
high strength and stiffness of the borides with the toughness and damage toler-
ance of the Ti - alloy matrix and offer attractive properties including increased 
stiffness and substantially enhanced  wear resistance . Using the laser - engineered 
net shaping (LENS ™ ) process, it has been successfully demonstrated that 
 in - situ  TiB reinforced Ti alloy composites can be fabricated in a single step 
 [42,43] . These laser - deposited composites exhibit a substantially refi ned distri-
bution of reinforcing TiB precipitates as compared to their conventionally pro-
cessed (e.g., ingot processing) counterparts. Furthermore, by employing novel 
near - net shape processing technologies, such as LENS ™ , it becomes possible 
to not only rapidly and effi ciently manufacture custom - designed implants, but 
also to functionally - grade those to exhibit required site - specifi c properties. 
Therefore, the current effort is directed towards the processing, characterization, 
and, measurement of the tribological properties of laser - deposited, boride rein-
forced, TNZT composites based on the nominal matrix composition Ti - 35Nb -
 7Zr - 5Ta (all in wt %). Sliding wear resistance and friction behavior were 
examined under a wide range of post - processing and testing conditions such 
as varying the concentrated interfacial load, the effect of ex - situ annealing on 
the tribological properties, and the role of counterpart material. The tribologi-
cal properties have been correlated to the surface microstructure under these 
conditions.  

  9.3.4.2   Titanium Boride Reinforced  Ti - Nb - Zr - Ta  Composites.     LENS ™  
deposition of the metal - matrix composites were carried out from a powder feed-
stock consisting of a blend of elemental pure Ti, Nb, Zr and Ta powders with 
Titanium Boride (TiB 2 ) mixed in the ratio of 51   wt% Ti   +   35   wt% Nb   +   7   wt% 
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Zr   +   5   wt% Ta   +   2   wt% B. The total weight of pre - blended powders per depos-
it was  ∼ 300   gm. The processing conditions used were similar to those discussed 
previously for the Ti - Nb - Zr - Ta alloys. The as - deposited specimens were sub-
sequently characterized using SEM, OIM, and, TEM. Post - wear testing, the SEM 
studies of the worn and unworn surfaces were carried out in a FEI Sirion SEM 
equipped with an EDS detector. Their indentation hardness (VHN) values for 
these samples are listed in Table  9.2 . Friction and wear behavior of TNZT   +   2B 
and Ti - 6Al - 4V ELI were determined using a Falex (Implant Sciences) ISC - 200 
Tribometer. This tribometer is a pin - on - disk type confi guration which measures 
the sliding friction coeffi cients on planar surfaces. The details of the wear tests 
are discussed elsewhere  [44] . Also, some of the polished samples were subjected 
to separate heat treatments in air before testing, shown in Table  9.3 . The heat - 
treatments carried out on the TNZT   +   2B and Ti - 6Al - 4V ELI samples had a two -
 fold objective, namely to study the infl uence of  α  precipitates and the surface 
oxide layer, formed as a result of the heat treatment on the resulting friction and 
wear behavior.   

 The microstructure of the LENS ™  - deposited TNZT   +   2B alloy at different 
magnifi cations is shown in the backscatter SEM images in Figure  9.19   [44] . Figure 
 9.19 a shows a low magnifi cation backscattered image of the boride composite 
while Figure  9.19 b shows a higher magnifi cation view of the microstructure con-
sisting of the coarser primary boride precipitates and the fi ner scale eutectic 
boride precipitates dispersed in a matrix. Furthermore, while the fi ner scale eutec-
tic borides exhibit a uniform contrast in the backscatter SEM images, the coarser 
primary boride precipitates exhibit strong contrast variations within the same 
precipitate suggesting a possibility of compositional variation within the same 

 TABLE 9.2.     Hardness and Initial Mean Hertzian Contact Stresses (p m ) for Ti - 6Al - 4V  ELI  and 
 TNZT  2 B  

   Alloy     Hardness (VHN)     p m  (GPa) for Si 3 N 4  balls     p m  (GPa) for SS 440 C balls  

  Ti - 6Al - 4V 
ELI  

  320    0.95    0.90  

   TNZT 2B     375     1.01     0.95  

 TABLE 9.3.     Heat Treatment Conditions for Ti - 6Al - 4V  ELI  and  TNZT  2 B  for Wear Testing 

   Alloy     Heat treatment  

  Ti - 6Al - 4V ELI    As deposited  
  Ti - 6Al - 4V ELI    600    ° C/10 hours/FC/Oxide Layer  
  Ti - 6Al - 4V ELI    600    ° C/10 hours/FC/Oxide Layer removed  
  TNZT 2B    As deposited  
  TNZT 2B    600    ° C/10 hours/FC/Oxide Layer  
   TNZT 2B     600    ° C/10 hours/FC/Oxide Layer removed  
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boride. In addition, the matrix also exhibits variations in contrast. Thus, while the 
regions adjoining the primary boride precipitates exhibit a lighter contrast, the 
regions a further distance exhibit a relatively darker contrast. There is also a clus-
tering of the eutectic boride precipitates within these regions of darker contrast, 
as clearly visible in Figure  9.19 b. SEM - EDS studies revealed that the composition 
of the matrix to be Ti - 34%Nb - 7%Zr - 7%Ta (all in wt%). Figure  9.20  shows the 
results of EDS studies carried out on one of the primary boride precipitates.   

 The SEM image of the specifi c boride precipitate analyzed is shown in Figure 
 9.20 a together with the line across which the compositional variation was mea-
sured using SEM - EDS. The compositional profi le across this line is shown in 
Figure  9.20 b and has been divided into distinct zones within the boride precipi-
tate, exhibiting the different contrasts in Figure  9.20 a. On either sides of the 
boride, the composition of the matrix is Ti - 33Nb - 7Zr - 9Ta which is marginally 
enriched in Ta as compared with the average alloy composition ( ∼ 7   wt% Ta). The 

    Figure 9.19.     (a) Lower magnifi cation and (b) higher magnifi cation backscatter SEM images 

of LENS ™  as - deposited TNZT   +   2B alloy composites showing both coarser primary borides 

exhibiting contrast within the same boride precipitate as well as fi ner scale eutectic borides. 

[Sonia Samuel et al.  Wear Resistance of Laser Deposited Boride   Reinforced Ti  -  Nb  -  Zr  -  Ta Alloy 

Composites for Orthopedic Implants  (to appear in Mater. Sci. Eng. C, 2007)]  
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    Figure 9.20.     (a) High magnifi cation backscatter SEM image of a single primary boride in the 

LENS ™  as - deposited TNZT   +   2B alloy exhibiting a strong contrast within the boride. (b) EDS 

compositional profi le across the white line, shown in (a), distinguishing the contrast within the 

boride arising from a compositional modulation with regions richer in Nb and Ta exhibiting 

a brighter contrast while regions relatively richer in Ti and Zr exhibiting a darker contrast in 

the backscatter SEM image. [Sonia Samuel et al.  Wear   Resistance of Laser Deposited Boride 

Reinforced Ti  -  Nb  -  Zr  -  Ta Alloy Composites for   Orthopedic Implants  (to appear in Mater. Sci. 

Eng. C, 2007)]  
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relatively higher Ta content of the matrix in the vicinity of the primary boride 
precipitates is also indirectly indicated by the lighter contrast in these regions 
(adjacent to the primary borides) seen in the SEM backscatter image in Figure 
 9.19 b. Within the boride precipitate, there are distinct alternating bands of 
dark and bright contrast. It should be noted that in the profi le shown in 
Figure  9.20 b, the composition of the boride does not include the boron 
content (since it cannot be quantifi ed by EDS) and thus has been scaled to 
Ti   +   Nb   +   Zr   +   Ta   =   100   wt%. 

 The boride precipitate can be divided into fi ve distinct composition zones 
based on the bands of different contrast visible in Figure  9.20 a. In Figure  9.20 b, 
Zone I corresponds to the fi rst band and exhibits a continually decreasing Ti and 
Zr content while the Nb and Ta contents increase. In Zone II, the composition 
appears to be nominally constant and approximately equal to Ti - 40Nb - 4Zr - 16Ta. 
However, it should be noted that the composition of these bands might not be 
constant along the direction normal to surface. Therefore, it is not possible to 
accurately determine the composition of these bands using SEM - EDS but rather 
use these measurements as a qualitative indicator. In band III, the Nb and Ta 
contents increase while that of Ti and Zr decreases. The reverse trend is observed 
in case of band IV, wherein Ti and Zr increase while Nb and Ta decrease. Finally, 
band V exhibits the same trend as band III. Overall the compositional changes in 
these bands within the boride precipitate appear to follow an alternating trend of 
increasing and decreasing Ti and Zr (or decreasing and increasing Nb and Ta). 
The origin of these compositional modulations within the same boride precipitate 
is currently under investigation.  

  9.3.4.3   Tribological Behavior of  Ti - Nb - Zr - Ta   +   TiB  Composites.     Typi-
cal friction curves are shown in Figure  9.21  for as - deposited Ti - 6Al - 4V ELI and 
TNZT   +   2B sliding against Si 3 N 4   [44] .   

 The friction coeffi cients immediately increased to high values of  ∼ 0.4 and 0.5 
for Ti - 6Al - 4V and TNZT   +   2B, respectively. With continued sliding, their steady -
 state friction coeffi cients leveled off at  ∼ 0.5 and 0.6, respectively, for the remain-
der of the tests. These are relatively high friction coeffi cient values for Ti - based 
alloys, especially those with TiB precipitate reinforcements. This behavior would 
suggest an increased amount of abrasive wear due to precipitate pull - out causing 
accelerated third body debris generation trapped inside the sliding contact. To 
confi rm this possible mechanism(s), SEM of the wear surfaces was conducted on 
both alloys. 

 Figures  9.22  and  9.23  show (a) low and (b) high magnifi cation SEM images of 
the Ti - 6Al - 4V ELI and TNZT   +   2B wear tracks, respectively.   

 In the case of Ti - 6Al - 4V ELI (Figure  9.22 ), the low and high magnifi cation 
images of the wear track show evidence of surface deformation due to ductile 
layering and smearing, common in repeated sliding contacts for Ti - 6Al - 4V alloys 
 [41] . In contrast, the TNZT   +   2B wear track morphology shown in Figure  9.23  
exhibits more severe wear, which, like the friction coeffi cient, is a surprising result 
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    Figure 9.21.     Wear plots 

showing the friction 

behavior as a function 

of distance of Ti - 6Al -

 4V ELI and TNZT   +   2B 

with Si 3 N 4  counterface 

balls. [Sonia Samuel et 

al.  Wear Resistance of 

Laser   Deposited Boride 

Reinforced Ti  -  Nb  -  Zr  -  Ta 

Alloy Composites for 
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    Figure 9.22.     (a) Lower 

magnifi cation and (b) higher 

magnifi cation secondary SEM 

images of Ti - 6Al - 4V ELI wear 

tracks after friction studies 

using Si 3 N 4  counterface balls. 

[Sonia Samuel et al.  Wear 

Resistance of Laser Deposited 

Boride Reinforced Ti  -  Nb  -

  Zr  -  Ta Alloy   Composites for 

Orthopedic Implants  (to appear 
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    Figure 9.23.     (a) Lower 

magnifi cation and (b) higher 

magnifi cation secondary SEM 

images of LENS ™  as - deposited 

TNZT   +   2B wear tracks after 

friction studies using Si 3 N 4  

counterface balls. (c) Region in 

the wear track clearly exhibiting 

evidence of boride pull - out from 

the softer  β  - Ti matrix. [Sonia 

Samuel et al.  Wear Resistance of 

Laser   Deposited Boride Reinforced 

Ti  -  Nb  -  Zr  -  Ta Alloy Composites for 

Orthopedic Implants  (to appear in 

Mater. Sci. Eng. C, 2007)]  
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due to the harder and more resistant TiB precipitates. One possible explanation 
for this behavior is the pull - out of the harder TiB precipitates from the matrix 
resulting in third body wear, which would accelerate abrasive wear events by 
ploughing and deep grooving, as shown in Figure  9.23 b. The SEM image in Figure 
 9.23 c confi rms that one of several TiB precipitates ( ∼ 10    μ m on edge) being pulled -
 out of the matrix inside the wear track, which is in agreement with previous 
observations of boride pull out from the matrix of Ti - 6Al - 4V reinforced with TiB 2  
 [41] . From these results, it was surmised that the Si 3 N 4  ball, much harder than 
would be active in a hip prosthesis contact where a ultra - high molecular weight 
polyethylene (UHMWPE) coated surface is typically the wearing counterface, 
was responsible for precipitate pull - out from the Ti - 6Al - 4V matrix. Therefore, the 
use of a softer SS 440C counterface against the candidate alloys will be addressed 
below. 

 In order to lower the friction and wear of Ti - 6Al - 4V ELI and the TNZT   +   2B, 
the samples were heat treated at 600    ° C for ten hours in air to promote the forma-
tion of toughened oxide layers and fi ner  α  precipitates in TNZT   +   2B. SEM 
images of the oxidized TNZT   +   2B surface, not shown, could not resolve the very 
small  α  precipitates through the oxide layer. However, after removal of the oxide 
layer via mechanical polishing, the fi ne scale  α  precipitates could be resolved 
using high resolution SEM imaging. Typical friction coeffi cient curves of the alloys 
sliding against Si 3 N 4 , shown in Figure  9.24 , are much lower than the non - oxidized 
alloys. After an initial run - in period, the steady - state friction coeffi cients are  ∼ 0.23 

    Figure 9.24.     Wear plots showing the friction behavior as a function of distance of oxidized 

surfaces (600    ° C/10   hrs) of Ti - 6Al - 4V ELI and TNZT   +   2B with Si 3 N 4  counterface balls. [Sonia 

Samuel et al.  Wear Resistance of Laser Deposited Boride Reinforced Ti  -  Nb  -  Zr  -  Ta Alloy   

Composites for Orthopedic Implants  (to appear in Mater. Sci. Eng. C, 2007)]  
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and 0.17 out to 80   m sliding distance for Ti - 6Al - 4V ELI and the TNZT   +   2B, 
respectively. These are very low friction coeffi cients typically exhibited for oxi-
dized titanium materials  [45] . In addition, these friction coeffi cients show much 
less fl uctuations compared to their as - synthesized state, suggesting a more stable 
sliding interface without debris in the contact. The values are also consistent with 
the corresponding wear track morphologies shown in Figures  9.25  and  9.26 .   

 Based on these SEM images, both wear track morphologies exhibit a change 
in mechanism to mild oxidative wear, which suppresses the previous plastically 
dominated wear mechanisms shown for the as - synthesized alloys. The toughened 

    Figure 9.25.     (a) Lower magnifi cation and (b) higher magnifi cation secondary SEM images of 

wear tracks on the surface of oxidized Ti - 6Al - 4V ELI after friction studies using Si 3 N 4  counter-

face balls. [Sonia Samuel et al.  Wear Resistance of Laser Deposited Boride   Reinforced Ti  -  Nb  -  Zr  -

  Ta Alloy Composites for Orthopedic Implants  (to appear in Mater. Sci. Eng. C, 2007)]  
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titanium oxide layers, like the rutile phase have been shown to be very effective 
in lowering the friction coeffi cients ( ∼ 0.2) and wear rates  [45] . This narrowed the 
wear tracks with no signifi cant third body debris formation that might result in 
severe abrasive wear. Thus the titanium oxide layer acted as a lubricous oxide and 
prevented boride particles from being potentially pulled out of the matrix, 
and thereby improved the wear resistance considerably for both Ti - 6Al - 4V ELI 
and TNZT   +   2B. Lastly, there were no signifi cant differences in the wear track 
morphologies between the alloys outside of some patchy regions in TNZT   +   2B 
that did not contribute to the overall friction behavior. 

    Figure 9.26.     Lower magnifi cation (a) and (b) higher magnifi cation secondary SEM images of 

wear tracks on the surface of oxidized TNZT   +   2B after friction studies using Si 3 N 4  counterface 

balls. [Sonia Samuel et al.  Wear Resistance of Laser Deposited Boride   Reinforced Ti  -  Nb  -  Zr  -  Ta 

Alloy Composites for Orthopedic Implants  (to appear in Mater. Sci. Eng. C, 2007)]  
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 While the improvement in wear resistance of the TNZT   +   2B material after 
oxidation against a substantially harder Si 3 N 4  counterface material is promising, it 
is quite likely that in a real implant, such an oxide layer might spall during the 
sliding of the femoral head against the internal surface of the acetabular cup, a 
highly undesirable attribute. Therefore, the critical issue is to determine the wear 
resistance of the TNZT   +   2B composite against a softer, more realistic, counter-
face materials, such as SS440C (H ∼ 10   GPa). Table  9.2  lists the hardness and 
Hertzian contact stresses for both TNZT   +   2B and Ti - 6Al - 4V with respect to the 
two different counterfaces namely Si 3 N 4  and SS440C. This contacting condition is 
expected to be more representative of an actual ball and socket joint. Figure  9.27  
show typical friction coeffi cient curves for the alloys sliding against a SS 440C 
counterface ball after removal of the titanium oxide layers by a light mechanical 
polish.   

 The initial friction coeffi cients of both Ti - 6Al - 4V and TNZT   +   2B are approx-
imately 0.1, however the friction coeffi cient of Ti - 6Al - 4V began to deviate at 
 ∼ 15   m sliding distance. A continual steady increase in the friction coeffi cient 
occurs up to  ∼ 0.4 to 0.6, similar to the values shown in the as - synthesized condi-
tion in Figure  9.21 . These higher and more fl uctuating values suggest increased 
abrasive wear and debris generation. In contrast, the initial friction coeffi cient of 
TNZT   +   2B alloy remained at a very low steady - state value of  ∼ 0.13 for the entire 
test, instead of the high values ( ∼ 0.6) shown in Figure  9.21  for the as - deposited 
condition. Thus, the softer steel counterface eliminated the TiB precipitate 

    Figure 9.27.     Wear plots showing the friction behavior as a function of distance of Ti - 6Al -

 4V ELI and TNZT   +   2B with SS440 stainless steel counterface balls. [Sonia Samuel et al.  Wear  

 Resistance of Laser Deposited Boride Reinforced Ti  -  Nb  -  Zr  -  Ta Alloy Composites for   Orthopedic 

Implants  (to appear in Mater. Sci. Eng. C, 2007)]  
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pull - out, third body abrasive wear observed with the harder Si 3 N 4  counterface. 
The corresponding SEM images of the wear tracks shown in Figures  9.28  and 
 9.29  for Ti - 6Al - 4V ELI and TNZT   +   2B, respectively, corroborate the friction 
behavior.   

 The wear track morphology of Ti - 6Al - 4V ELI in Figure  9.28  shows more 
extensive plastic deformation, microplowing and cutting, all typical processes 
associated with an abrasive wear mechanism. Conversely, the TNZT   +   2B wear 
track shown in Figure  9.29  exhibits less severity in wear. It is apparent that the 

    Figure 9.28.     (a) Lower magnifi cation and (b) higher magnifi cation secondary SEM images 

of Ti - 6Al - 4V ELI wear tracks after friction studies using SS440 counterface balls. [Sonia Samuel 

et al.  Wear Resistance of Laser Deposited Boride Reinforced Ti  -  Nb  -  Zr  -  Ta Alloy   Composites for 

Orthopedic Implants  (to appear in Mater. Sci. Eng. C, 2007)]  
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surface morphology has undergone a plastic shear deformation mechanism 
usually associated with less wear volume removal. This is evident by examining 
some of the larger surface depressions with plastic fl ow process. These results 
show that much lower friction coeffi cient and improved wear resistance can 
be obtained by using a softer counterface material in case of TNZT   +   2B as - 
synthesized state, when compared to Ti - 6Al - 4V ELI alloys.  

  9.3.4.4   Summary of  Ti - Nb - Zr - Ta   +   TiB  Composites.     The summary of 
Ti - Nb - Zr - Ta   +   TiB Composites is as follows: 

    Figure 9.29.     (a) Lower magnifi cation and (b) higher magnifi cation secondary SEM images 

of TNZT   +   2B wear tracks after friction studies using SS440 counterface balls. [Sonia Samuel 

et al.  Wear Resistance of Laser Deposited Boride Reinforced Ti  -  Nb  -  Zr  -  Ta Alloy   Composites for 

Orthopedic Implants  (to appear in Mater. Sci. Eng. C, 2007)]  
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  1.     As deposited LENS ™  TNZT   +   2B has borides precipitates that contain 
compositionally segregated regions of higher Ti(Zr) or Ta(Nb) weight 
percent,  

  2.     Using Si 3 N 4  balls, there is TiB precipitate pullout resulting in accelerated 
third body abrasive wear with higher friction coeffi cients.  

  3.     Using 440C stainless steel balls drastically improved the friction coeffi -
cients of as deposited TNZT   +   2B, eliminating the effect of  “ three body 
abrasive wear ”  and resulting in superior wear resistance when compared 
to Ti - 6Al - 4V ELI.  

  4.     Oxide fi lm improves the wear resistance of both TNZT   +   2B and Ti - 6Al -
 4V ELI.       

  9.4   CONCLUSIONS 

 The present article demonstrates the feasibility and advantages of using laser 
engineered net shape processing (LENS ™ ) for orthopedic biomaterials. This 
 relatively new manufacturing technology allows for the deposition of metallic 
biomaterials with refi ned microstructures and in some cases preferential crystal-
lographic texture, which in turn lead to enhanced mechanical properties. In this 
article, the specifi c focus has been on the laser deposition of newer generation 
beta titanium alloys, such as those based on the Ti - Nb - Zr - Ta system. These newer 
generation alloys not only exhibit a much lower elastic modulus ( ∼ 50 – 60   GPa) as 
compared to conventionally used Ti - 6Al - 4V ( ∼ 110   GPa), but also consist of com-
pletely biocompatible alloying additions with minimal toxicity. Along the growth 
direction during deposition, the LENS ™  deposited Ti - 35Nb - 7Zr - 5Ta alloys 
exhibit a higher strength as compared with alloys of similar composition pro-
cessed via more conventional techniques, while still maintaining a low modulus. 
The corrosion resistance of these laser - deposited alloys is also comparable to, if 
not better than, conventionally processed Ti - 6Al - 4V ELI and commercially pure 
Ti (Grade 2). Preliminary  in vitro  biocompatibility studies also indicate that these 
laser - deposited alloys are comparable to conventionally used alloys and might 
actually lead to better cell differentiation. Furthermore, by introducing a homo-
geneous distribution of hard ceramic precipitates, such as borides, into the same 
metallic Ti - 35Nb - 7Zr - 5Ta base matrix to form metal - matrix composites, the wear 
resistance of these alloys can be substantially enhanced. A higher wear resistance 
would allow the use of these materials in a number of applications including the 
femoral head part of the hip implant, or in other words, the ball part of the ball -
 socket joint. This in turn leads to the possibility of manufacturing a unitized, com-
positionally and functionally - graded, femoral (hip) implant with site specifi c 
properties. In such an implant the femoral stem would consist of a hollow Ti -
 35Nb - 7Zr - 5Ta based structure with a low elastic modulus, while the femoral head 
would be graded from a core consisting of the softer and tough base Ti - 35Nb - 7Zr -
 5Ta alloy while the outer surface of the head consisted of wear - resistant boride -
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 reinforced metal matrix composite layers based on the same base alloy 
composition with boron additions to it.  

  9.5   FUTURE PERSPECTIVES 

 Laser - assisted direct metal deposition techniques such as LENS ™  offer great 
potential as future manufacturing technologies for orthopedic implants and other 
biomaterials. The use of LENS ™  would not only allow for the design and devel-
opment of compositionally and functionally - graded implants with site - specifi c 
properties, as discussed in the previous section, but also lead to the availability of 
custom - designed implants for specifi c patient needs. Thus, since LENS ™  is based 
on the concepts of three - dimensional stereolithography and is capable of recon-
structing a 3D shape from a computer CAD fi le in a relatively short period of 
time, this processing technology can be quite easily adapted to manufacture cus-
tom - designed implants. It is possible to envision a scenario in the future where a 
detailed 3D tomographic description of the implant required for a specifi c patient 
can be generated in the doctor ’ s hospital, electronically transmitted to a LENS ™  
based manufacturing setup at a different location, processed at the manufactur-
ing facility directly from the CAD fi le, and then shipped back to the hospital in a 
rather short period of time for the surgical implantation. If successful, this has the 
potential of revolutionizing the orthopedic implants industry of the future. One 
of the drawbacks of LENS ™  processing is the effective cost of production associ-
ated with orthopedic implants. However, with the rapidly increasing effi ciency of 
lasers and the obvious advantages from an environmental and conservation point 
of view, LENS ™  and related near - net shape processing technologies based on 
additive manufacturing are becoming increasingly popular and are very promis-
ing for the future.  
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  10.1   OVERVIEW 

 Many materials are used in medicine for a variety of applications ranging from 
total replacement of hard tissues (such as bone plates, pins, joint, dental implants, 
and so on), repair, diagnostic or corrective devices (such as pacemakers, heart 
valves, and so on). Not only the mechanical properties are important, but also the 
material should be biocompatible with the human body and stable for a long 
period. Due to their excellent properties such as high strength, biocompatibility, 
and stability in physiological environments, ceramics are investigated as bone 
substitute materials. In this way, ceramic components have been used for total hip 
joint replacement components in Europe since the early 1970s. Alumina and zir-
conia monoliths are mainly used for these components. However, zirconia can 
undergo low temperature degradation in aqueous environment. 

 Current research is focusing on increasing the strength and wear resistance, 
meanwhile reducing the size and extending the lifetime of ceramic components. 
This chapter will briefl y review the present state - of - the - art with respect to ceramic 
material development for total hip joint replacement (THR). In addition to 
ceramic monoliths, ceramic composites such as zirconia - toughened alumina and 
other alumina matrix composites are currently investigated. Another possibility 
to increase the strength is to use components based on alumina and zirconia with 
a functionally - graded composition. The latter possibility has been the focus of the 
authors ’  research and will be described in some detail. The composition gradient 
can be established during shaping by means of electrophoretic deposition (EPD) 
to obtain a pure alumina surface region and a homogeneous alumina/zirconia 
composite core with intermediate continuously graded regions to generate 
thermal residual stresses after sintering. The gradient profi les are designed to 
obtain maximum compressive surface stresses and minimum tensile stresses in 
the core of the component to increase the strength and wear resistance compared 
to pure alumina components. Practical aspects of this new production technology 
will be described, including the method to control the composition gradient, 
the electric fi eld calculations necessary to design the electrodes, drying, and the 
sintering conditions.  
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  10.2   INTRODUCTION MATERIALS FOR HIP IMPLANTS 

 Some 30 years ago, a revolution in medical care began with the successful replace-
ment of tissues. Two alternatives are possible, transplantation or implantation. 
Transplantation belongs to the realm of surgery. Implantation involves the 
replacement of tissues by the development or modifi cation of man - made materi-
als to interface with living host tissue, that is, implants made of biomaterials. 
Material scientists have investigated metals, polymers, ceramics, as well as com-
posites, as biomaterials for hard and soft tissues. Important issues in the develop-
ment of biomaterials are the interfacial stability with host tissues, appropriate 
properties as close as possible to bone, and a minimum of wear debris generation. 

 Ceramics used for repair, reconstruction, and replacement of human tissue 
are called bioceramics. When any artifi cial material is implanted into the body, it 
will cause some reaction with the host tissue. Bioceramics exhibit four possible 
tissue /implant interactions [Hench and Ethridge,  1982 ]: toxic, when the tissue 
dies due to chemical leaching from the ceramic; biologically inert, when tissues 
form a non - adherent fi brous capsule around the implant surface; bioactive, in 
case the tissues chemically bond with the implant surface; and dissolution of the 
implant, when the implant surface dissolves allowing tissues to refi ll the space 
previously occupied by the implant. 

 Bioceramics have become a diverse class of biomaterials, presently including 
three basic types: bioinert high strength ceramics; bioactive ceramics which form 
direct chemical bonds with bone or even with soft tissue of a living organism; and 
bioresorbable ceramics that actively participate in the metabolic processes of an 
organism [Thamaraiselvi and Rajeswari,  2004 ]. Alumina (Al 2 O 3 ), zirconia (ZrO 2 ) 
and carbon are bioinert. Bioactive glass and calcium phosphate ceramics such 
as hydroxyapatite are bioactive and bioresorbable depending on their composi-
tion and structure. An overview of the applications for bioceramics is given in 
Table  10.1 .   

 TABLE 10.1.     Overview of Applications for Bioceramics 

   Bioceramic     Function     Tissue reaction  

  Zirconia    Artifi cial total hip, knee, bone screws and 
plates, dental crowns and bridges  

  Bioinert  

  Alumina    Artifi cial total hip, shoulder, elbow, wrist, bone 
screws, porous coatings for femoral stems  

  Bioinert  

  Carbon    Coatings on heart valves, blood vessel grafts, 
surfaces in dentistry  

  Bioinert  

  Calcium phosphates    Drug delivery, bone substitute, coatings for 
metal implants, stems, ocular implants  

  Bioactive, 
Bioresorbable  

  Bioactive glass    Bone cement fi ller, bioactive coating on 
implants  

  Bioactive, 
Bioresorbable  

   TiN     Coating on implants like artifi cial hip, dental 
and shoulder implants  

   Bioactive  
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 Materials for load bearing implants such as hip or knee implants should 
be able to resist peak loads as high as ten times body weight and an average load 
of three times the body weight [Black,  1992 ]. Therefore, only bioceramics like 
Al 2 O 3 , ZrO 2  and their composites are considered as suitable ceramics for ball -
 heads and acetabular cup inserts (liners) in total hip joint replacement and will 
be discussed in this paper. Compared to metals and polymers, advantages of 
these ceramic implants are the excellent bioinertia, the extremely low wear rate 
and the reduced osteolysis. Other ceramics as SiC and Si 3 N 4  have also an excellent 
hardness, mechanical strength and corrosion resistance, but have been much 
less investigated as biomaterials. Part of the reasons for this is their more compli-
cated processing routes, in particular with respect to densifi cation, where high 
temperature and — in the case of silicon nitrides — also high gas pressure is 
necessary. Noteworthy are the biomorphic silicon carbide ceramics which have 
inherited their microstructure and in particular their pore structure from the 
wood from which they have been prepared. Biomorphic SiC is fabricated by 
molten - silicon infi ltration of carbon templates obtained by controlled pyrolysis 
of wood. The bioactivity of such a material coated also with a bioactive glass 
layer has been reported by Gonzalez et al. ( 2003 ). Silicon nitride has been another 
silicon based ceramic which has hardly been investigated with respect to its 
potential applications as biomaterial. The role of the surface fi nish of the materi-
als on the proliferation of osteoblast cells on reaction bonded silicon nitride has 
been highlighted by Kue et al. ( 1999 ). In a more recent study by Neumann et al. 
( 2006 ), the potential application of silicon nitride for a miniplate osteofi xation 
system for the midface has been investigated. One of the conclusions was 
that Si 3 N 4  ceramics showed a good biocompatibility outcome both  in vitro  and 
 in vivo . 

 In the early 1970s, ceramic components for total hip joint replacements 
(THR) were introduced. The hip joint consists of a ceramic ball - head attached to 
a metal stem and an acetabular ceramic or polyethylene insert, which is attached 
to a metallic cup, as illustrated in Figure  10.1 . Today, more than 350,000 ceramic 
components for total hip joint replacement have been implanted.   

 In general, the material combinations for the femoral head – acetabular 
cup pair comprise metal - metal, metal - polyethylene, ceramic - polyethylene and 
ceramic - ceramic combinations. The currently used material combinations are 
summarized in Figure  10.1 . The metal - polyethylene and ceramic - polyethylene 
couplings are still considered to be the most suitable in most cases. The wear rates 
and the consequent risks of loosening of the implant are proportional to the time 
and motorial activity. In fact, for elderly or barely active patients, the use of poly-
ethylene must not be considered a limitation. The alternative ceramic - ceramic 
and metal - metal solutions are chosen for patients with a high motorial activity 
and it is stated that ceramic - ceramic couplings are appropriate in almost 20% of 
cases, while metal - metal couplings only in fi ve percent of all cases. Indeed metal -
 metal bearings carry the risk that the released metal ions and debris may cause 
(among other potential negative effects) allergic reactions leading at least to dis-
comfort to the patient. Because of the long - term biocompatibility of the debris 
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produced by the wearing action, the ceramic - ceramic coupling should be pre-
ferred for young, heavy and active patients.  

  10.3   CERAMICS FOR TOTAL HIP JOINT REPLACEMENT 

  10.3.1   Alumina Implants 

 The fi rst ceramic ball - heads were made of Al 2 O 3 , which today is still the most 
commonly - used ceramic. Alumina has a very good corrosion resistance, which is 
most important in biomedical applications [Black,  1992 ]. The hardness is very 
high, resulting in a very low wear rate. In fact, when testing the current generation 
of pure alumina ball heads and acetabular cups in a hip joint simulator, it becomes 
very hard to characterize the wear either from the loss of any material from the 
mating surfaces or by collecting the wear debris. The elastic modulus is 396   GPa, 
providing rigid and non - deformable implants [Willmann,  1996 ]. To obtain high 
strength Al 2 O 3  ( > 450   MPa), high purity alumina is used with a very low concentra-
tion of sintering additives ( < 0.5   wt %) because the residual glass phase on the 
grain boundaries can degrade and mechanical strength will be lost. A reduction in 
grain size improves drastically the strength and therefore very small grain size 
and a narrow grain size distribution are essential. The average grain size of current 
medical grade alumina is 1.4    μ m. To limit grain growth, Al 2 O 3  is doped with MgO 
( < 0.5   wt %). Despite these favorable properties, alumina is brittle [Kingery,  1976 ], 
which is a disadvantage compared to zirconia.  

  10.3.2   Zirconia Implants 

 The fi rst ball - head made out of tetragonal zirconia polycrystalline (TZP) material 
was introduced by Christel et al. [Christel et al.,  1988 ]. Until recently, about 25% 
of the total number of hip implant operations per year in Europe were performed 
with TZP [Cordingley et al.,  2003 ]. Whereas the fl exural strength of medical grade 
Al 2 O 3  is in the range of 500 – 580   MPa, that of ZrO 2  is two to three times higher 

    Figure 10.1.     Components for total hip replacement and current material combinations for 

total hip replacement  [CeramTec,  2002 ].   
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( > 1500   MPa) [Clarke et al.,  2003 ], also the fracture toughness is much higher 
(Table  10.2 ). The higher fracture toughness is of importance in femoral heads due 
to the tensile stress induced by the taper fi t of the femoral stem [Cordingley et al., 
 2003 ]. Therefore, smaller ball - heads are possible with TZP compared to Al 2 O 3 .   

 Most of the zirconia implants are stabilized with two to three mol % Y 2 O 3  
[Cales et al.,  1994 ], in order to stabilize the tetragonal ZrO 2  phase at room 
temperature. The high toughness of these ceramics is related to transformation 
toughening, that is, the stress - induced martensitic transformation of the tetrago-
nal to monoclinic ZrO 2  in the vicinity of a propagating crack tip, resulting in a 
local volume expansion of three to four percent that results in compressive 
stresses inhibiting crack propagation [Hannink et al.,  2000 ]. 

 However, there is a major concern about the hydrothermal degradation of 
ZrO 2  at room temperature. The low temperature degradation (LTD) of Y - TZP 
involves a spontaneous transformation of the tetragonal phase when ageing in 
water, resulting in the formation of microcracks at the surface and a decrease of 
the mechanical properties [Sato et al.,  1985 ]. Whether LTD will occur or not 
depends on the environment with which the material is in contact. The presence 
of water is an essential prerequisite. Also the composition, the microstructure, 
and the processing route of the material as well as any possible thermal activation 
play a role. Therefore, the grain size of the t - ZrO 2  grains, the Y 2 O 3  content, the 
Y 2 O 3  distribution, density, surface roughness and purity are important parame-
ters in the possible degradation process [Piconi and Maccauro,  1999 ]. It has to be 
noted that ageing effects of ZrO 2  in a water or salt solution can differ from ageing 
in bovine serum. To avoid ageing of ZrO 2 , several approaches have been pro-
posed such as reducing the initial grain size, coating the implant surface with a 
stable layer of cubic ZrO 2 , replacing the Y 2 O 3  stabilizer by CeO 2 , the addition of 
small amounts of SiO 2 , the addition of small amounts of alumina, and the use of 
ZrO 2  composites [Clarke et al.,  2003 ].  

  10.3.3   Zirconia Toughened Alumina 

 ZrO 2  and Al 2 O 3  have both disadvantages, that is, the brittleness of Al 2 O 3  and the 
risk of hydrothermal degradation in ZrO 2 . To avoid these problems, a good alter-
native is composites in which ZrO 2  particles are embedded in an Al 2 O 3  matrix. 

 TABLE 10.2.     Overview of Mechanical Properties of Femur Bone, Al 2 O 3  and ZrO 2  

   Properties     Femur [Currey,  1984 ]     Alumina     Zirconia  

  Density (g/cm 3 )         ≥ 3.97     > 6.00  
  Tensile strength (MPa)    121     > 500    900 – 1200  
  Hardness (GPa, HV 10 )    0.37    22    12  
  Toughness (MPa    �    m 1/2 )        4    5 – 10  
  Compressive strength (MPa)    167    4100    2000  
   E - modulus (GPa)     17 – 18     380     210  
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These composites are commonly known as zirconia - toughened alumina (ZTA). 
In the case of a stabilized zirconia matrix reinforced with alumina particles, that 
is, alumina - toughened zirconia (ATZ), the risk of hydrothermal degradation 
remains. 

 In ZTA with eight - to - fi fteen vol. % ZrO 2 , the favorable properties of Al 2 O 3  
can be maintained since ZTA is nearly as hard as pure Al 2 O 3 . The ZrO 2  may 
induce extra toughening and leads to a smaller grain size in the composites since 
a homogeneous distribution of small ZrO 2  particles acts as grain growth inhibitor 
for Al 2 O 3  grains during sintering [Konstztowicz and Langlois,  1996 ]. In ZTA com-
posites, the ZrO 2  addition can take the unstabilized or the Y 2 O 3  - ZrO 2  form. The 
primary difference between these two forms of the ZTA system is that the former 
relies on microcrack toughening [Hannink et al.,  2000 ; R ü hle et al.,  1987 ] whereas 
the latter has transformation toughening as the primary toughening mechanism 
[Hannink et al.,  2000 ; Green et al.,  1989 ]. 

 The toughness of ZTA composites with unstabilized ZrO 2  addition can be 
improved by the processing of Al 2 O 3  - ZrO 2  nanocomposites [De Aza et al.,  2002 ]. 
In this way, a larger amount of tetragonal ZrO 2  grains is present in the alumina 
matrix and contributes to the transformation toughening mechanism [De Aza 
et al.,  2002 ]. It should be clear, however, that spontaneous transformation of the 
unstabilized ZrO 2  grains can only be avoided when the grain size is kept below a 
critical maximum value. A colloidal processing technique to establish this was 
recently developed by Schehl et al. [Schehl et al.,  2002 ]. 

 Another option to increase the strength of ZTA ceramics is to incorporate 
platelets into the matrix. The addition of whiskers is not allowed because they 
constitute a health risk, which can be avoided when platelets are grown  in situ  
during sintering. Belmonte et al. [Belmonte et al.,  1993 ] developed zirconia -
 toughened alumina with  in situ  formed plate - like shaped calcium and strontium 
hexaluminates with enhanced mechanical properties. It was found that plate - like 
shape hexaluminates as reinforcing phase are formed upon addition of 0.1 – 1 vol. 
% of strontium. In this way, Burger et al. [Burger,  1998 ] developed a ZTA material 
grade for biomedical applications, containing 25 vol. % Y - TZP. Cr 2 O 3  was added 
to enhance the hardness of the alumina. The biomaterial has a tensile strength of 
1150   MPa and a fracture toughness of 8.5   MPa   m 1/2  [Rack and Pfaff,  2000 ].  

  10.3.4   Ceramic Coatings on Metal Implants 

 To avoid the brittleness of ceramic ball - heads, a metallic ball - head can be coated 
with a ceramic coating like TiN or DLC (diamond - like carbon). The idea is to 
combine the hardness of TiN or DLC with the good mechanical properties of the 
metallic ball - heads. It was found, however, that the benefi cial properties like a 
reduced wear of DLC coatings in air or in vacuum are not present in bovine 
serum [Hauert,  2003 ]. TiN coatings have a very good biocompatibility and high 
hardness, reducing wear. The bioactivity of TiN promotes the formation of calcium 
phosphate phases with adhesion strength, forming a promising alternative for 
plasma sprayed hydroxyapatite coatings on titanium alloy stems [Piscanec et al., 
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 2004 ]. A review of the coatings commercially available for metal - PE joints has 
been given by Piconi et al. ( 2004 ). 

 A procedure often adopted for commercial hip joint implants is to coat parts 
of the metallic femoral stem by a porous hydroxyapatite coating in order to 
improve the bonding between implant and bone. This is usually done by plasma 
spraying; see L. Sun et al. ( 2001 ) for a review. Other ceramics and coating methods 
are being investigated.  

  10.3.5   Functionally Graded Ceramics for Hip Components 

 The concept of functionally graded materials (FGM) originates from the observa-
tion that many components only need to posses a certain property locally while 
elsewhere another often irreconcilable property is required by the design. To 
increase the strength of ceramic ball - heads, the concept of functionally - graded 
materials can be used to develop ceramic Al 2 O 3 /ZrO 2  graded composites. The 
potential of this bioinert system follows from the properties of Al 2 O 3  (low wear 
rate, high hardness) and ZrO 2  (high strength, high toughness). 

 Due to the difference in thermal expansion coeffi cient of Al 2 O 3  and ZrO 2 , 
residual stresses are developed during cooling from the sintering temperature, 
which can strongly infl uence the mechanical properties like strength and tough-
ness. Compressive surface stresses in the outer alumina layer will have a benefi -
cial effect on the wear resistance [Katti,  2004 ]. 

 The design of the composition gradient has to be in such a way that it gener-
ates compressive stresses at those places that are loaded under tensile stress. To 
obtain a benefi cial effect on the strength and tribological properties of the com-
ponent, compressive stresses at the surface of the component have to be gener-
ated. A correct design of the gradient from the point of view of thermal stresses is 
therefore of primary importance [Toschi et al.,  2003 ; Gasik et al.,  2003 ]. 

 Figure  10.2  shows the concept of FGM ball head, which has been investigated. 
Note that all outer surfaces of the ball head as well as the acetabular cup consist of 
a mm thick layer of pure alumina. The zirconia is only present in the interior and 
is not exposed to the environment so that LTD will not be an issue.   

    Figure 10.2.     Schematic of an Al 2 O 3 /ZrO 2  FGM ball - head and liner.  [Ann é ,  2005a ].   
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 Amongst the different methods to process functionally - graded materials 
(FGM), electrophoretic deposition (EPD) is explored here to process complex -
 shaped FGM hip prosthesis components. During EPD, particles having acquired 
an electric charge in the liquid in which they are suspended are forced to move 
toward one of the electrodes by applying an electric fi eld and forming a coherent 
deposit on it. The deposit takes the shape imposed by this electrode. Hence, after 
drying and removal from the electrode, a shaped green ceramic body is obtained. 
Firing this green body results in the ceramic component.   

  10.4   ELECTROPHORETIC DEPOSITION AS A SHAPING TECHNIQUE 
FOR FGM BIOMATERIALS 

 In order to produce a FGM by conventional powder processing, a green body of 
powders containing the desired phase gradient is fi rst fabricated. After formation, 
this green body is densifi ed by sintering. A wide range of powder processes can be 
used to obtain a gradient, including common powder metallurgy and colloidal 
(wet) processes [Ann é  et al.,  2006a ]. Whereas only discrete layers can be made by 
dry powder processing, continuous gradients can be made by colloidal processes. 
Among the different colloidal processing techniques, electrophoretic deposition 
is very promising because it is a fairly rapid, low - cost process for the fabrication 
of ceramic coatings, monoliths, composites, laminates, and functionally graded 
materials varying in thickness from a few nanometers to centimeters [Cordingley 
et al.,  2003 ]. 

 Electrophoretic deposition (EPD) is a two - step process (Figure  10.3 ). In a 
fi rst step, particles having acquired an electric charge in the liquid in which they 
are suspended, are forced to move towards one of the electrodes by applying an 
electric fi eld to the suspension (electrophoresis). In a second step (deposition), 
the particles collect at one of the electrodes and form a coherent deposit on it. 

    Figure 10.3.     Schematic of the EPD process.  [Ann é ,  2005a ].   

Charged particle

Positive ion

Negative ion

ElectrodeElectrode Suspension

V
+ –

–

– –

–

–

+

+

+

+

+

–

–
–

––



332 FUNCTIONALLY GRADED ALL CERAMIC HIP JOINT

Since the local composition of the deposit during the EPD process is directly 
related to the composition of the suspension at the moment of deposition, the 
EPD technique allows processing of functionally graded materials with a continu-
ous gradient in composition by judiciously adjusting the suspension composition 
in time (Figure  10.4 ).   

 The deposit takes the shape imposed by the deposition electrode. Hence, 
after drying and removal from the electrode, a shaped green ceramic body is 
obtained. Firing this green body results in the ceramic component. In general, the 
only shape limitation is the feasibility of removing the deposit from the electrode 
after deposition. In practice, complex geometries like femoral ball - heads and cup 
inserts require an appropriate design of the counter electrode in order to gener-
ate a constant electric fi eld at the surface of the deposition electrode. The design 
of the most suitable counter electrodes needs to be supported by electrical fi eld 
calculations using fi nite element analysis (section  10.6.2 ). 

 For the EPD of complexly shaped components, a relatively high suspension 
stability is necessary, since the powder particles should not immediately sediment. 
Because the particles require an electric charge for electrophoresis, electrostatic 
stabilization is essential. In this work, most of the work was carried out with a 
stable suspension based on methyl ethyl ketone with  n  - butylamine and nitrocel-
lulose [Ann é  et al.,  2006b ] although it is also possible to work with suspensions 
based on ethanol [Popa et al.,  2005 ].  

  10.5    EPD  OF  FGM  DISCS 

  10.5.1   Introduction 

 In order to experimentally verify the maximum allowable tensile stress level in 
the core to prevent spontaneous transformation of the tetragonal ZrO 2  phase and 

    Figure 10.4.     Schematic of the electrophoretic deposition set - up.  [Ann é ,  2005a ].   
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the achievable compressive stresses at the surface of the FGM cup inserts and 
ball - heads, FGM discs are processed by EPD and analyzed. The gradient profi les 
are comparable to those to be generated in the hip - prosthesis components. The 
plates are also used for the densifi cation studies and for property assessment so 
that the effects of the gradient on the overall strength and wear resistance can be 
determined. Discs with a thickness  > 5   mm and a diameter  > 36   mm after sintering 
are processed. The sintering and microstructural evaluation of the Al 2 O 3 /ZrO 2  
FGM components is discussed in section  10.6 . 

 Flat discs with a symmetric or semi - symmetric gradient profi le, going from a 
pure Al 2 O 3  surface layer to a homogeneous ZrO 2 /Al 2 O 3  composite core with 
intermediate graded zones are made by means of EPD (Figure  10.5 ).   

 The procedure for depositing functionally graded discs by EPD, involves: 

  1.     The development of a suitable suspension for EPD, as discussed above.  
  2.     The design and construction of a cell with the proper dimensions.  
  3.     The development of a mathematical model to predict the composition 

profi le of the FGM discs.  
  4.     The processing of a green FGM disc, according to the mathematical 

model.  
  5.     Drying of FGM discs.  
  6.     Sintering.     

  10.5.2   Mathematical Model to Predict the Composition Profi le of 
 FGM  Discs 

 Vandeperre [Vandeperre et al.,  2000 ] developed a kinetic model to predict the 
current and deposition kinetics in EPD. Put et al. further developed this model to 

    Figure 10.5.     Schematic illustration of the desired Al 2 O 3 /FGM/ZrO 2  - Al 2 O 3 /FGM/Al 2 O 3  profi le 

(a) and a sintered FGM disc made by EPD (b).  [Ann é ,  2005a ].   
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predict the composition profi le in a one sided gradient as well as for semi - 
symmetrically graded plate - shaped components [Put et al.,  2003 ]. The prediction 
of the concentration profi les are based on the description of the deposition yield 
by means of the effective charge of the suspended powder particles,  Q eff  , the elec-
trophoretic mobility,  μ , and the specifi c conductivity of the solvent,  σ   liq  . Although 
this model predicts the yield during EPD well, the parameters  Q eff  ,  σ   liq   and  μ  are 
fi tted parameters rather than real physical values. 

 If different powders  i  are present in the suspension, the deposition yield of 
each powder on the deposition electrode can be described by [Biesheuvel and 
Verweij,  1999 ]:
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dt
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i i i
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    (10.1)  

with   dy
dt

i , the deposition rate of powder  i  on the electrode (g/s) 

   E , the electric fi eld strength (V/m)  
   μ   i  , the electrophoretic mobility of powder  i  (m 2 /V.s)  
   c i  , the concentration  i  of powder  i  in suspension (g/cm 3 )  
   f i  , factor for powder  i  which takes in account that not all powder brought to 

the electrode is incorporated in the deposit  
   S , the surface area of the deposition electrode (m 2 )  
   φ   di   concentration (vol. %) of the powder in the deposit  
   φ   si   concentration (vol. %) of the powder in the suspension    

 The concentration  c i   ,   t   of powder  i  at time  t  is a function of the powder mass in 
the suspension and the suspension volume at ( t     −    1) and the change in mass and 
volume during  Δ  t :
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 With     M i   , t  − 1  the mass of powder  i  in suspension at time ( t     −    1) (g)  
   Δ  M i,    Δ  t   the change in mass of powder  i  by adding or removing suspen-

sions between ( t     −    1) and  t  (g)  
   V t    − 1  the total volume suspension at time ( t     −    1) (cm 3 )  
   Δ  V   Δ  t   change in suspension volume between ( t     −    1) and  t  ( s )    

 The total amount of powder deposited ( Δ  Y tot  ) during  Δ  t  is given by:

   ΔY
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 If the powder  i  is a mixture of different components  X j  , the wt% of compo-
nent  X j   in the deposited layer  Δ  d  is given by:

   X wt
Y
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dt

dtj
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i j
i

i

t

t

i

% ,( ) =
−
∫∑1

1Δ
    (10.4)  

with  X i   , j   wt% of component  j  in powder  i . 
 The thickness increase of the deposited layer  Δ  d  during  Δ  t  is given by:

   Δ Δ
d = Ytot

ρ
    (10.5)   

 With  ρ  the green density as a function of the local composition if the compo-
sition as a function of green thickness is desired or with  ρ  the theoretical density 
for the local composition if the composition as a function of sintered thickness is 
wanted. 

 At time  t , the thickness  d  of the disc is:

   d t d dt
t

( ) = ∫ Δ
0

    (10.6)   

 By means of equations  10.1  through  10.6 , the concentration profi le in an 
FGM disc can be predicted provided that the factor  f i   μ   i   is determined for the 
individual powder particles by experiments on the pure powder  i  [Ann é ,  2005b ]. 
This is proven in the next paragraph for symmetrical Al 2 O 3 /Y - ZrO 2  FGM discs.  

  10.5.3   Controlled Processing of  FGM  Discs 

 The starting materials are 3   mol% Y 2 O 3  co - precipitated ZrO 2  powder (Daiichi 
HSY - 3U, 3   mol% Y 2 O 3  co - precipitated) and  α  - Al 2 O 3  powder (Baikowski grade 
SM8). A MEK (Acros, 99%) with 10 vol.% n - butylamine (99.5%, Acros) and 1 
wt% nitrocellulose (Aldrich, 435058 - 250   g) solution is used as suspension medium. 

 The set - up for the graded plates, schematically presented in Figure  10.4 , is 
composed of a suspension fl ow - through deposition cell, a suspension circulation 
system driven by pump one, a mixing cell where two suspensions are mixed by a 
magnetic stirrer, and a suspension supply system to add a second suspension to 
the circulating suspension in the mixing cell at a controlled rate. The distance 
between the fl at disc shaped electrodes ( φ    =   43   mm) is 35   mm. 

 For the deposition of a semi - symmetrical disc, a 175   ml starting suspension I 
containing 70   g/l Al 2 O 3  is pumped through the deposition cell by peristaltic pump 
one at a rate of 2.5   ml/s. After 100    s  of deposition, 125   ml of suspension II with 
135   g/l of an Al 2 O 3 /ZrO 2  (70 vol. % Al 2 O 3 ) mixture is added to the circulating 
suspension by pump two. After 570    s , the addition of suspension II is completed. 
During the subsequent step, the suspension is circulated for 630   sec without any 
further additions. Afterwards, 140   ml of suspension III with 150   g/l Al 2 O 3  is added 
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for 800   sec. In the last step, the remaining suspension is circulated for 120   sec. 
During all the described steps, EPD is continued in the deposition cell. The addi-
tion speed of suspension II and III by pump two is varied in such a way that the 
wanted concentration profi le was obtained in both gradient zones. The addition 
speed of suspension II and III, which is computer - controlled, and the amount of 
circulating suspension as a function of time is given in Figure  10.6 .   

 After EPD, the powder deposits are removed and dried. After at least one 
day of drying in air, the green bodies were sintered for one hour at 1550    ° C in air. 
Sintered cross - sectioned discs are ground, polished and thermally etched for 30 
minutes in air at 1350    ° C for microstructural analysis. The compositional change is 
measured on polished cross - sectioned samples using semi - quantitative electron 
probe micro - analysis (JEOL Superprobe 733). 

 The measured composition profi le on a sintered cross - sectioned FGM plate, 
is presented in Figure  10.7 , together with the predicted composition profi le 
according to the model of section  10.5.2 , revealing an excellent correlation 
between the experimentally measured and the predicted profi le.   

 The FGM profi le however is not perfectly symmetrical since only 91 vol. % 
Al 2 O 3  is deposited in the fi nal step of EPD. Reaching 100 vol. % Al 2 O 3  is possible 
at this end, but the circulating suspensions needs to be changed and this compli-
cates the process. Only limited bending is observed after sintering of the disc. 

 Based on stress calculations, the FGM profi le given in Figure  10.7 , results in 
the highest compressive stresses in the outer surface layer of the FGM discs and 
the lowest tensile stresses in the core of the disc. The thermally - etched micro-
structures at different locations in the cross - sectioned FGM plate are shown in 
Figure  10.8 .   

 The ZrO 2  (white) and Al 2 O 3  (grey) phases can be clearly differentiated in the 
microstructure. The ZrO 2  phase is well dispersed in the Al 2 O 3  matrix in the gradi-

    Figure 10.6.     The amount of circulating suspension (ml) and the addition rate (ml/s) of sus-

pension II and III as a function of time during EPD of a graded Al 2 O 3 /ZrO 2  disc.  [Ann é ,  2005a ].   
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    Figure 10.7.     Measured and predicted FGM profi le of Al 2 O 3 /ZrO 2  FGM disc.  [Ann é ,  2005a ].   
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    Figure 10.8.     General overview and some detailed micrographs of specifi c locations in the 

FGM disc.  [Ann é ,  2005a ].   

ent parts and the core of the FGM. No agglomerates and defects were observed 
in the sintered FGM disc. The Al 2 O 3  grain growth limiting effect of the presence 
of the ZrO 2  phase is clearly illustrated by comparing the alumina grain size in the 
homogeneous pure alumina outer layer with all other regions in the FGM.  
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  10.5.4   Properties of  FGM  Discs 

 One of the main advantages of FGM materials is the infl uence of residual stresses 
on the properties of the component. A correct design of a composition gradient 
can generate compressive stresses at those places that are loaded under tensile 
stress during operation. In this way, the strength of FGM materials can be higher 
than that of the homogeneous material. 

 To study the FGM effect on the strength, biaxial strength measurements are 
performed on homogenous and Al 2 O 3 /ZrO 2  FGM discs with a diameter of 35   mm 
after sintering one hour at 1550    ° C and hot isostatic pressing (20 minutes at 
1390    ° C at 140   MPa Ar pressure) to ensure full density. The composition profi le is 
given in Figure  10.7 . Hard machining is performed to obtain plan - parallel sur-
faces; 0.5   mm is removed from the pure Al 2 O 3  surface, which resulted in a com-
pressive stress of 170    ±    30   MPa on this surface. A biaxial (ring - on - ring) test is used 
according  ISO 6474 . Whereas an average strength of 288   MPa is reached with a 
Weibull modulus of  m    =   9 for the pure Al 2 O 3  disc, the strength of the ground 
Al 2 O 3 /ZrO 2  FGM discs is much higher. A mean strength of 513   MPa was reached 
with a Weibull modulus of  m    =   12 (Figure  10.9 .)   

 The benefi cial effect of the compressive stresses in functionally graded 
alumina – zirconia composites on their wear and friction behavior during sliding in 
water is shown in Figure  10.10 . The FGM discs in this study were prepared by 
sequential slip casting [Novak and Berani č ,  2005 ]. The results, which are com-
pared to results from homogeneous alumina, show that with increasing residual 
compressive stresses in the samples of functionally graded material (FGM) the 
wear is strongly reduced. As a consequence of reduced crack formation and 
debris detachment from the surface (due to increased residual compressive stress) 
the tribochemical layer became thinner, with fewer topographical irregularities at 
the surface. This increases the role of the tribochemical actions compared to the 
mechanical wear, which benefi cially affects the tribological performance in water 
[Novak et al.,  2007 ].     

    Figure 10.9.     Weibull plot of the biaxial strength of homogeneous Al 2 O 3  and Al 2 O 3 /ZrO 2  FGM 

discs  [Ann é ,  2005a ] ; S is the probability of survival.  
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  10.6   BALL - HEADS AND CUP INSERTS MADE BY  EPD  

  10.6.1   Introduction 

 During EPD, the deposit takes the shape imposed by the deposition electrode. 
For processing complex shapes, the only shape limitation is the feasibility to 
remove the deposit from the electrode after deposition. The deposition electrode 
has therefore the shape of the outer surface of the acetabular cup insert and of 
the ball - head (Figure  10.11 ) and consists for the latter of an upper and lower part, 
allowing removal of the EPD deposit. Complex geometries like femoral ball -
 heads and cup inserts require appropriate design of the counter electrode in order 
to generate a constant electric fi eld at the surface of the deposition electrode. The 
design of the most suitable counter electrodes needs, therefore, to be supported 
by electric fi eld calculations using fi nite element analysis and is discussed in the 
next section  10.6.2 .    

    Figure 10.10.     Ball on fl at wear data: alumina ball on alumina fl at showing the clearly 

improved wear resistance due to compressive stresses in the surface layer of the fl at. Residual 

stresses in fl at measured by XRD.  
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    Figure 10.11     Schematic cross - sections of a ball - head with a diameter of 28   mm and a corre-

sponding acetabular cup insert.  [Ann é ,  2005a ].   



340 FUNCTIONALLY GRADED ALL CERAMIC HIP JOINT

  10.6.2   E - Field Calculations for Electrode Design 

 Since the electric fi eld drives the transport and deposition of powder particles, a 
uniform electric fi eld is necessary at the deposition electrode in order to obtain a 
deposit that follows the contours of the electrode. A non - uniform electrical fi eld 
will make electrophoretic deposition uncontrollable because a linear relation 
exists between the deposition rate and the local electric fi eld strength at the elec-
trode for MEK with n - butylamine based suspensions (see Equation  10.1 ). 

 For the electric fi eld calculation, Poisson ’ s equation in a conductive medium 
is used:

   λ∇ =2 0U     (10.7)   

 With  λ , the specifi c resistance ( Ω m) of the medium and  U , the electrical potential 
(V). The material properties are given in Table  10.3 .   

 A voltage of 100   V is applied between the electrodes. The resistance of the 
deposit is thought to be the same as for the suspension as was shown in [Ann é  
et al.,  2006c ] for methyl ethyl keton with  n  - butylamine. To calculate the electric 
fi eld distribution inside the EPD cell, fi nite element analysis is performed using 
ANSYS 7. An element type for 2 - D solids with thermal and electrical conductive 
capability (PLANE67) is chosen. This element has four nodes with two degrees of 
freedom, temperature and voltage, at each node. 

 Electric fi eld calculations are shown here for the counter - electrodes of 
the acetabular cup insert. Two results in the optimization step are shown in 
Figure  10.12  for spherical counter - electrodes with different diameter and position 
in the cell. A perfect uniform electrical fi eld at the deposition electrode is not 
possible due to the specifi c shape of the outer surface of the acetabular cup insert. 
To solve this problem of non - uniform electrical fi eld, an insulating ball - shaped 
PTFE cap is placed between the deposition electrode and the spherical counter -
 electrode. In this (rotating) cap, small holes are made to conduct the current. The 
size of the holes is determined by the local E - fi eld strength to allow uniform 
deposition (Figure  10.13 ).    

  10.6.3   Shaping of Homogeneous and  FGM  Acetabular Cup Inserts 

 Rigid positioning devices are needed so that the electrodes can be centered and 
positioned very accurately with respect to each other in order to maintain a 

 TABLE 10.3.     Resistance of the Materials Used in the Electric Field Calculations 

   Material     Resistance ( Ω m)     Source  

  Stainless steel    0.3    PolyTechnisch zakboekje, Koninklijke 
PBNA nv., The Netherlands, 1998  

  Tefl on    1.10 20     idem  
   MEK     7.10 5      From our own measurements  
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    Figure 10.12.     E - fi eld strength calculation, performed in ANSYS 5.7, of the electrodes to pro-

cess the cup insert.  [Ann é ,  2005a ].   
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    Figure 10.13.     Counter - electrode with insulating cap in which well - defi ned holes are made 

for EPD of acetabular cup inserts.  [Ann é ,  2005a ].   

uniform electrical fi eld. Therefore, automatic rigid positioning devices were 
designed and constructed to prepare ball - heads and acetabular cup inserts. 

 The EPD process was fully automated. The displacement of the counter - 
electrode, the voltage, and the speed of the pumps can be programmed as a func-
tion of time. Additionally, the current and suspension conductivity is logged 
during the EPD process. 

 Since the procedures for the production of ball - heads has been described 
elsewhere [Ann é  et al.,  2006d ], the procedures for acetabular cup inserts are 
described here in some detail. The acetabular cups are deposited on an electrode 
that has the shape of the outer surface of the cup insert. The counter electrode has 
the shape of a ball and is positioned in the centre of the deposition electrode. 
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 To prevent irregular deposition at the counter electrode, an insulating PTFE 
cap is placed (Figure  10.14 ) in - between the deposit and the counter - electrode. In 
this insulating cap, small excisions are made to conduct the current in order to 
maintain the E - fi eld, as already explained in section  10.6.2 . During EPD, this insu-
lating cap is rotated.   

 For the EPD of the cup inserts, a sequence of three counter - electrodes 
is used (Figure  10.15 ). These counter - electrodes have the shape of a sphere 
(diameter   =   18   mm) with a different insulating PTFE cap. The procedure to EPD 
FGM cup inserts is similar to that for the ball - heads. Homogeneous as well as 
FGM cup inserts could be successfully produced with a good surface fi nish, as 
shown in Figure  10.16 .   

 For FGM acetabular cup inserts, a 135   ml starting suspension I, containing 
222   g/l Al 2 O 3 , is pumped through the deposition cell (see Figure  10.4 ) by a peri-
staltic pump one at a rate of two ml/s. The counter - electrode is a ball - shaped 
electrode with a large insulating cap, positioned in the middle of the cell (step one 
of Figure  10.15 ). After 300    s  of deposition at 120   V, 90   ml of suspension II with 
222   g/l of an Al 2 O 3 /ZrO 2  (45 vol. % Al 2 O 3 ) mixture is added to the circulating 
suspension by pump two (Figure  10.4 ) at a constant speed during 340    s , creating a 
gradient in the deposit composition (step two of Figure  10.15 ). Subsequently, the 
suspension is circulated for 1800    s  without any further additions (step three of 
Figure  10.15 ). Afterwards, 100   ml of the circulating suspension is removed and the 
insulating cap is replaced with a smaller insulating cap II. 65   ml of suspension III 
with 230   g/l Al 2 O 3  was added at a constant speed for 350    s  to the circulating sus-
pension (step four of Figure  10.15 ). In the fi nal step (step fi ve of Figure  10.15 ), the 
counter - electrode is replaced with a smaller insulating cap III and the whole sus-
pension is replaced with 50   ml of suspension IV with a solids loading of 200   g/l 
Al 2 O 3  and EPD is continued for 500    s  to form the pure outside alumina layer. 

 Drying is performed in air without crack formation due to the more homoge-
neous thickness of the cup insert compared to the ball - heads. For the latter, drying 

    Figure 10.14.     Electrode set - up for EPD of cup inserts.  [Ann é ,  2005a ].   
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    Figure 10.15.     Sequence of three different electrode insulation caps for the processing of a 

FGM cup insert in fi ve steps. Step 1: deposition of the outer pure alumina layer. Step 2: deposi-

tion of gradient layer. Step 3: deposition of inner Al 2 O 3 /ZrO 2  composite up to the insulating 

cap. Step 4: insulating cap is changed and the second gradient layer is deposited up to the 

insulating cap. Step 5: insulating cap is changed and a pure alumina layer is deposited up to 

the insulating cap.  [Ann é ,  2005a ].   

    Figure 10.16.     FGM cup insert, made by EPD.  [Ann é ,  2005a ].   
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proved to be a severe problem. This is attributed to the strongly variable cross -
 section (thickness) of the part. The solution for the drying problem of the ball -
 heads was fi nally found by applying a colloidal isopressing technique. In this 
developed drying technique, the solvent is pressed out of the green body under 
isostatic pressure. For this purpose, the wet ball - head is packed in a plastic bag 
and placed in a cold isostatic press. To absorb the solvent, a dry plaster mould is 
inserted in the inner hole of the ball - head. Alternatively, solvent absorbing paper 
is inserted in the plastic bag around the ball - head. Under the infl uence of pres-
sure (fi ve MPa), a small part of the solvent, contained in the ball - head, is pressed 
into the plaster thereby reducing the residual amount of solvent in the ball - head 
below the critical level. The isostatic pressure prevents crack formation in the 
deposit during drying, allows a rapid solvent removal and increases the green 
strength. This drying technique is based on a colloidal forming technique, devel-
oped by Yu et al. [Yu et al.,  2001 ]. 

 Quantitative EPMA analyses are performed on polished cross - sections of 
sintered FGM cups (Figure  10.17 ). The measurements are performed from the 
outer to the inner surface of the cup insert. The different positions for profi le 
measurements are schematically presented in Figure  10.17 . These positions are 
chosen because of the wider FGM profi le at position A and the sharpest profi le at 
position B.     

  10.7   SINTERING AND MICROSTRUCTURAL EVALUATION 

  10.7.1   Introduction 

 The green EPD powder compacts need to be densifi ed after drying. The powder 
compacts are sintered by means of pressureless sintering in air using conventional 
heating. Al 2 O 3  and ZrO 2  and their composites are densifi ed by means of solid 
state sintering. All densifi cation is achieved through changes in particle shape, 
without particle rearrangement or the presence of liquid. Solid state diffusion is 
the predominant mass transport. The basic driving force for sintering is a decrease 

    Figure 10.17.     Schematic of a cup insert with indicated measured composition profi le 

positions.  [Ann é ,  2005a ].   
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in the total free energy of powder compacts. The fi rst step towards the goal of 
reduced energy is pores to be eliminated from the system because the specifi c 
surface energy of pores is larger than the grain boundary energy. Grain growth is 
driven by surface energy and the process of grain boundary elimination often 
begins before the process of pore elimination is completed. Discontinuous grain 
growth, that is, a few grains growing at a very large rate at the expense of all other 
grains, should be avoided since as a result pores are entrapped within the grains 
and such pores can not be eliminated. An optimal sinter cycle has to be applied to 
reach fully dense ceramics and to ensure that the grain size of the Al 2 O 3  remains 
below two  μ m to obtain high strength [Willmann,  1996 ; ISO 6474]. 

 Densifi cation of graded materials is a challenge because cracks and crack -
 like defects are often observed in ceramic multi - layers as a result of mismatch 
stresses [Cheng and Raj,  1989 ; Hillman et al.,  1996 ; Cai et al.,  1997a ; Cai et al., 
 1997b ; Cai et al.,  1998 ]. These mismatch stresses originate from the difference in 
sintering rate (densifi cation kinetics) and thermal expansion coeffi cients [Hillman 
et al.,  1996 ]. 

 In the FGM components, similar defects as reported in literature [Cheng 
and Raj,  1989 ; Hillman et al.,  1996 ; Cai et al., 1997a; Cai et al., 1997b; Cai et al., 
 1998 ] were detected when a too - large zirconia concentration difference between 
the surface layer and core was present. The critical composition in the core of 
FGM Al 2 O 3 /ZrO 2  discs was investigated to prevent defects during the sintering 
cycle.  

  10.7.2   Sintering Kinetics of Al 2 O 3 , ZrO 2  and Their Composites 

 The addition of ZrO 2  to Al 2 O 3  has an effect on the densifi cation behavior and the 
grain size development of the matrix. To study the differences on the densifi cation 
behavior, the shrinkage of Al 2 O 3 , ZrO 2  and Al 2 O 3 /ZrO 2  (80 vol. % Al 2 O 3 ) dry 
pressed samples (cold isostatically pressed at 300   MPa) is recorded as a function 
of temperature by means of a high temperature dilatometer (Netsch 402C) in air 
at a heating rate of 3    ° C/min. 

 The experimental densifi cation curves are plotted in Figure  10.18 , as a func-
tion of the sintering temperature. The densifi cation of the pure ZrO 2  material 
starts at lower temperatures than for the two - phase and the Al 2 O 3  material. Fur-
thermore, the curve of the pure ZrO 2  reaches a plateau at temperatures above 
1500    ° C and the sintered material is approaching the theoretical density.   

 During the fi rst stage, densifi cation in the ZrO 2  material is faster than in the 
two - phase and Al 2 O 3  material. In the intermediate stage, the gradient of the den-
sifi cation curve is steeper for the two - phase material than for pure Al 2 O 3 . The 
two - phase material densifi es faster during this stage. At the end of the fi nal stage, 
the total shrinkage is larger for the two - phase material than for pure Al 2 O 3 . The 
larger densifi cation shrinkage of the pure ZrO 2  and Al 2 O 3 /ZrO 2  can be explained 
by the lower green density compared to the pure Al 2 O 3 . 

 The addition of ZrO 2  to the Al 2 O 3  matrix does not only infl uence the densifi -
cation behavior, but also the grain size of the Al 2 O 3  matrix (Figure  10.19 ). The 
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ZrO 2  particles in the two - phase material are mainly located at the grain bound-
aries and at the grain boundary edges of the alumina grains. However, there are 
also some zirconia particles present that are embedded in relatively large alumina 
grains. These particles were initially located at grain boundaries and become 
intergranular by grain boundary migration of the Al 2 O 3  phase. Figure  10.19  
reveals that the average grain size of the alumina grains in the homogeneous 
Al 2 O 3  material is larger than that of the two - phase material. In the latter, the 
grain growth in the alumina matrix is inhibited by the presence of the secondary 
ZrO 2  phase, due to pinning of the Al 2 O 3  grain boundaries, enhancing grain bound-
ary diffusion over grain boundary migration.    

  10.7.3   Optimization of Grain Size of Al 2 O 3  Composites 

 Among the mechanical properties that change drastically with a reduction in 
grain size is the strength [Helbig,  2000 ]. The strength - grain size relationship for 
hot - pressed Al 2 O 3  is given in Figure  10.20 . It is clear that the strength is decreas-
ing with increasing grain size and therefore, the grain size for the Al 2 O 3  is desired 
to be smaller than 2    μ m.   

 Temperature, soaking time, and heating rate infl uence densifi cation and 
coarsening. The infl uence of soaking time and temperature is investigated on 
EPD powder compacts of Al 2 O 3 , ZrO 2  and a 50/50 (vol. %) Al 2 O 3 /ZrO 2  compos-
ite. The samples were sintered in air in the tube furnace of a TGA (Cahn TG - 171) 
at three different temperatures (1450, 1550 and 1650    ° C) with three soaking times 
(one, 30 and 60 minutes). The specimens were heated at 20    ° C/min to 700    ° C and 
at 10    ° C/min to the sintering temperature. For sintering at 1650    ° C, heating 
between 1600 and 1650    ° C was done at 5    ° C/min. Cooling was performed at 20    ° C/
min    >    1000    ° C and 10    ° C/min    <    1000    ° C. Afterwards, the samples were cross - 
sectioned, polished, and thermally etched for 30 minutes at 1350    ° C in air for SEM 

    Figure 10.18.     Dilatometer curves for Al 2 O 3 , ZrO 2  and their 80 vol. % Al 2 O 3  composite.  
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    Figure 10.19.     Microstructures of pure Al 2 O 3  (a) and an Al 2 O 3 /ZrO 2  (80 vol. % Al 2 O 3 ) composite 

sintered for one hour at 1500    ° C. [Ann é ,  2005a ].  

(a)

(b)

investigation. On the resulting micrographs, image processing was performed to 
determine the grain size by the linear intercept method. 

 The grain size versus time and temperature for the sintered Al 2 O 3  samples is 
given in Figure  10.21 . At a sinter temperature of 1450 and 1550    ° C, the average 
grain size hardly changes as a function of time and is 1.5    μ m and 2.35    μ m for 60 
minutes soaking time, respectively. A sinter temperature of 1650    ° C gives much 
larger grains ( > 5    μ m, Figure  10.22 ) and severe coarsening was observed after one 
hour at 1650    ° C (Figure  10.21 ). From the Al 2 O 3  grain size point of view, a sinter 
cycle of one hour at 1550    ° C was found to be the best, resulting in near full density 
of the ZrO 2  - Al 2 O 3  (50/50) composite (Figure  10.23 ).    



348 FUNCTIONALLY GRADED ALL CERAMIC HIP JOINT

  10.7.4   Observation of Processing Defects in  FGM  Materials 

 Al 2 O 3 /ZrO 2  FGM discs, made by EPD as described in section  10.5 , are sintered 
for one hour at 1550    ° C. The heating and cooling rate is 3    ° C/min. After sintering, 
cross - sections are analyzed by scanning electron microscopy (SEM - FEG FEI 
XL - 30) and the composition profi les are measured by means of EPMA. 

    Figure 10.20.     Strength - grain size relationship for alumina: circles indicate failure where 

homogeneous microstructures are involved, squares where exaggerated grains were present. 

Symbols with crosses represent specimens ground after hot pressing  [Rice,  1997 ].   
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    Figure 10.21.     Al 2 O 3  grain size as a function of the sintering cycle.  [Ann é ,  2005a ].   
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 Figure  10.24  gives an overview of the composition profi les of graded Al 2 O 3 /
ZrO 2  discs, leading to transverse cracks after sintering (Figure  10.25 ). These 
cracks are not observed when the Al 2 O 3  content in the core of the graded plate is 
 ≥ 75 vol. %, indicating that a too large composition difference between surface 
layer and the core gives internal defects. There is no quantitative dependence 
found between the inter - crack distance and the composition profi le. Mostly, the 
distance between two cracks is a few millimeters, but the number of cracks 
increases with the ZrO 2  content in the core of the plates.   

 Microstructural investigation reveals that these cracks are perpendicular to 
the surface (Figure  10.25 ) and are only present in the ZrO 2  rich core and not in 

    Figure 10.22.     Microstructure of pure Al 2 O 3  sintered for 30 minutes at 1650    ° C.  [Ann é ,  2005a ].   

    Figure 10.23.     Evolution of the density of Y - ZrO 2 , Al 2 O 3  and 50/50 (vol. %) composite at 

1550    ° C as a function of time.  [Ann é ,  2005a ].   
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the pure Al 2 O 3  layer. The crack opening displacement of most cracks is smaller 
than 5    μ m. From a micrograph of the crack surface (Figure  10.25 b), it is clear that 
the crack surface is a clear fracture surface and not a sintered surface. 

 Hillman et al. [Hillman et al.,  1996 ] observed similar defects in symmetrical 
laminates with Al 2 O 3 /ZrO 2  layers at the surface and a ZrO 2  central layer. They 
found the coexistence of two distinct classes of defects, that is, cracks with a large 
opening displacement ( > 30    μ m) and cracks with a small opening displacement 
( < 2    μ m). It was suggested that defects originated from differential shrinkage 
during drying, and that the subsequent densifi cation opened up the defects and 
produced cracks with a large opening. The surfaces of this type of crack have 
smooth round grains identical to that of a free surface of a densifi ed body. Finer 
cracks are thought to be caused by the sintering process. Because the crack 
opening in Figure  10.25  is relatively small ( < 5    μ m), the transverse cracks in the 
FGM discs can be assigned to the sintering cycle. 

    Figure 10.24.     Concentration profi les of graded EPD Al 2 O 3 /ZrO 2  FGM discs. When the ZrO 2  

concentration of the core exceeds 25 vol. %, transverse defects are observed.  [Ann é ,  2005a ].   
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 Cai et al. [Cai et al., 1997a; Cai et al., 1997b] discussed the embryonic stage of 
a sinter crack as observed in Figure  10.25 . They found regions of low density and 
cavitational defects in Al 2 O 3 /ZrO 2 /Al 2 O 3  laminates. These defects are most sus-
ceptible to residual (tensile) stresses during cooling in the core, due to the higher 
CTE of zirconia. These regions of lower density (pores) must have formed as a 
result of the tensile stress that develops during the differential shrinkage during 
densifi cation between the Al 2 O 3  and the Al 2 O 3 /ZrO 2  layers. The pores then act as 
pre - existing fl aws for the generation of thermal expansion mismatch cracks 
during cooling via linkage of the pores and cavitational defects. 

 Eliminating transverse cracks in literature is mostly done by decreasing 
the overall shrinkage of the composites. This is done in two different manners: 
decreasing the composition difference between the different layers [Hillman 
et al.,  1996 ; Cai et al., 1997a], or adjusting the green density of the different 
layers [Novak,  2005 ] Another possibility is to decrease the cooling and heating 
rate during sintering [Cai et al., 1997a]. The mismatch stresses during the heating 
cycle are decreased by the viscous nature of the FGM material. The sintering 
mismatch stress is proportional to the mismatch sintering rate. Reduced 
cracking under slow cooling rate is probably due to the relaxation of residual 
stresses during the initial period of cooling. Cai et al. [Cai et al., 1997a] pro-
posed, therefore, a cooling rate of 1    ° C/min at high temperature. A decreased 
cooling rate of 1    ° C/min, however, did not remove the sinter defects in the 
authors ’  work. The cracks are also too large to remove by a hot isostatic pressing 
cycle. 

 Therefore, a minimum Al 2 O 3  content of 75 vol. % in the homogeneous com-
posite core of the FGM discs was considered as a critical design criterion to avoid 
the formation of transverse cracks.   

  10.8   CONCLUSIONS 

 Because the average life span of humans is drastically increasing and the need for 
spare parts begins at about 60 years of age, biomaterials for prosthesis compo-
nents need to last for 20 years. The excellent performance of specially - designed 
bioceramics that have survived the harsh clinical body environment condition, 
represents one of the most remarkable accomplishments of ceramic research, 
development, production, and quality assurance during the past 25 years. Of 
special interest is the all - ceramic total hip joint replacement. Alumina and zirco-
nia are mainly used for the bearing components. However, zirconia can undergo 
low temperature degradation in aqueous environment and alumina is brittle and 
has a limited strength. Further progress has been achieved by the development of 
zirconia - toughened aluminas (ZTA). 

 The very promising concept has been investigated in this work to combine 
the best properties of ZrO 2  and Al 2 O 3  ceramics in a FGM, allowing to generate 
compressive stresses at the component surfaces, thus increasing the strength 
further. 
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 A composition gradient in alumina and zirconia was engineered to obtain 
a pure alumina surface region and a homogeneous alumina/zirconia core with 
intermediate continuously graded regions allowing to generate thermal residual 
compressive stresses on the surface after sintering. It has been shown here that 
functionally graded Al 2 O 3 /ZrO 2  ball - heads and acetabular cup inserts can be pro-
cessed by electrophoretic deposition (EPD). In order to experimentally verify the 
sintering behavior of complex FGM components, fi ve millimeters thick Al 2 O 3 /
ZrO 2  FGM discs were processed by EPD and analyzed. For this purpose a mathe-
matical model to predict the composition profi le was established. Defect - free 
Al 2 O 3 /ZrO 2  FGM discs with a diameter of more than 35 millimeters and a thick-
ness of more than fi ve millimeters were successfully produced. 

 A sequence of counter - electrodes was necessary to EPD complex shaped 
FGM components. The design of the counter - electrodes was supported by electri-
cal fi eld calculations to generate a constant electric fi eld at the surface of the 
deposition electrode. To obtain deposits with a shape different from the deposi-
tion electrode, the deposit was allowed to grow up to the counter - electrode. 

 After deposition, the wet green ball - heads and acetabular cup inserts had to 
be removed from the electrode and dried. For the ball - shaped components, the 
drying step was very critical due to the inhomogeneous thickness of the compo-
nent. For drying these components, a colloidal isopressing procedure was devel-
oped, whereby the solvent was pressed out of the green body under an isostatic 
pressure. In contrast, no such special procedure was needed for the acetabular 
cups, which have relatively uniform thickness. 

 After drying, the green EPD powder compacts were sintered by pressureless 
sintering in air. The sintering kinetics were studied and an optimal sinter cycle 
(one hour at 1550    ° C) was found to ensure that the grain size of the Al 2 O 3  grains 
remains below 2    μ m. Al 2 O 3 /ZrO 2  FGM discs with pure Al 2 O 3  at the surface, a 
homogeneous Al 2 O 3 /ZrO 2  core and graded interlayers contain internal defects 
when the zirconia content in the core exceeds 25 vol. %.  

  10.9   FUTURE PERSPECTIVES 

 Whereas the research summarized above has shown the feasibility of incorporat-
ing a functional gradient in hip joint components by EPD, further development of 
the process is necessary to implement it on an industrial scale, to further optimize 
the different steps in the processing in order to minimize processing defects, 
and to verify performance of the actual components in terms of load - bearing 
capability and wear resistance. 

 The commercial introduction of advanced alumina composites in hip pros-
thesis is presently ongoing. A zirconia toughened and platelet reinforced alumina 
is presently available from Ceramtec A.G. under the trade name BIOLOX delta 
[Merkert  2003 ]. This material is also a candidate for other prostheses such as knee 
prostheses where the material also sees a very high load. Its long term reliability 
has been documented. The functionally graded material concept could also be 
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applied to these alumina composites by increasing internally the zirconia content 
in order to induce compressive stresses on the surface of the components. 

 With respect to the production technology for FGM material, electrophoretic 
deposition has the advantage that a specifi cally designed continuously changing 
composition gradient can be introduced into the component. However, electro-
phoretic deposition is mainly used for the application of coatings and is not yet 
implemented as a routine production route for bulk samples in the ceramic indus-
try. An unpublished design study by a team of mechanical engineering and mate-
rials engineering students at K.U. Leuven indicated that it would be possible to 
produce the FGM ball - heads by EPD at a production cost of about fi ve Euro. 
Sequential slip casting is an alternative technology that has some industrial base 
but one that will suffer from a rather low production rate. Other production tech-
niques for FGMs remain to be investigated. 

 The FGM concept is also being investigated for other applications in bioma-
terials, where a gradual transition in the property of a material is necessary, rather 
than a sharply defi ned boundary: gradients in composition in order to prevent 
delamination of coatings; gradients in porosity and in bioactivity; graded scaffolds 
in tissue engineering; and others.  
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  11.1   OVERVIEW 

 Today biomedical devices are essential for improving human health and quality 
of life. Now that biomaterials have been optimized with the aim to minimise 
rejection by the host organism, they have entered a new stage in which they can 
be designed with bioactive properties, exchanging stimuli with the surrounding 
tissue and inducing specifi c cellular reactions. Man - made material solutions 
should now take inspiration from the most complex naturally organised chemical 
and biological structures, taking advantage of the knowledge that nature has been 
optimizing for over millions of years. 

 This chapter introduces the development of innovative bioinspired materials, 
based on silicon carbide ceramics coated with bioactive materials, as new bio-
medical devices. The bioinspired silicon carbide is fabricated via the pyrolysis and 
infi ltration of natural wood - derived preforms; further, the technological process 
is completed with the deposition of a bioactive coating by laser techniques. The 
result is a new generation of light and high - strength ceramic products that mimic 
the natural structure of the bone tissues, incorporating the unique property of 
interconnected porosity, which allows the internal growth of tissue and favours 
angiogenesis. To further improve the fi xation and osteointegration performance, 
the bioinspired ceramics are coated with a bioactive layer of hydroxyapatite, sub-
stituted apatites or silica - based glasses. Both material properties and deposition 
methods are reported. 

  In vitro  biocompatibility studies demonstrate that the biological response 
of this ceramic product is similar to titanium controls, and  in vivo  implan-
tation experiments show how it gets colonized by the hosting bone tissue 
due to its unique interconnected hierarchic porosity. The excellent biocompat-
ibility of these innovative bioinspired materials reported here enters a new 
stage of very promising light, porous, and metal - free devices for medical 
applications.  
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  11.2   INTRODUCTION 

 In the last few decades, different types of materials have been produced and 
further improvements have been made for specifi c medical applications, such as 
metals (stainless steel, cobalt - chromium, titanium and alloys), ceramics (alumina, 
zirconia, graphite), polymers, and composites [Brunette,  2001 ; Helsen,  1998 ; 
Williams,  1992 ; Jones,  2001 ; Vallet - Reg í ,  2001 ; Kokubo,  1993 ; Ratner,  2004 ]. 

 In particular, ceramic materials designed to be implanted into the human 
body have experienced an enormous evolution as a response to the medical needs 
of an ageing population. The so - called fi rst generation of bioceramics was devel-
oped to fulfi ll the requirement of bioinertness that is a minimum interaction with 
the living tissues. The most representative materials are alumina (Al 2 O 3 ) and zir-
conia (ZrO 2 ). Indeed, today high - density (3.9   g/cc), high - purity ( > 99.8%) alumina 
is still widely used in load - bearing hip prostheses and dental implants because of 
its excellent corrosion resistance, good biocompatibility, low coeffi cient of fric-
tion, high wear resistance, bending strength (550   MPa) and compressive strength 
(4500   MPa). Other clinical applications of alumina include knee prostheses, bone 
screws, alveolar ridge and maxillofacial reconstruction. Zirconia is also used as 
the articulating ball in total hip prostheses and its potential advantages are its 
lower modulus of elasticity and higher strength [Ratner,  2004 ]. 

 In the 1980s, the second generation of ceramics was investigated with the aim 
of a favourable interaction with the body. Bioactive and reabsorbable ceramics 
are able to form a mechanically strong bond with the living tissues. The most sig-
nifi cant materials are crystalline calcium phosphates, bioactive glasses and glass -
 ceramics clinically used for applications such as the bone tissue augmentation, 
bone cements or the coating of metallic implants. 

 Porous ceramics have also been developed due to their potential advantage 
to provide good mechanical stability given by the highly convoluted interface that 
develops when bone grows into the pores of the ceramic. Although the optimal 
type of porosity and degree of interconnectivity of pores is still uncertain, when 
pore sizes exceed 100    μ m, bone will grow within the interconnecting pore chan-
nels near the surface and maintain its vascularity and long - term viability. There-
fore, the porous ceramic serves as a structural scaffold for bone formation. 
Nevertheless, porous materials like hydroxyapatite are weaker than the equiva-
lent bulk form in proportion to the percentage of porosity, so that as the porosity 
increases, the mechanical properties of the material decrease rapidly. This fact 
severely restricts the use of these low - strength porous ceramics to non load - 
bearing applications. 

 Today, the concept of tissue replacement is being substituted by tissue regen-
eration and, therefore, more demanding properties are required. The third gen-
eration of advanced ceramics is currently developed to be used as scaffolds and 
templates of cells or other biologically active substances (growth factors, hor-
mones, and so on), able to induce regeneration and repair of living tissues. Major 
challenges still remain in the implant technology fi eld in terms of development of 
light - weight, reliable, and durable ceramic implants with enhanced mechanical 
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properties and better biological responses [Hench,  1993 ; Yamamuro,  1990 ]. The 
remarkable biomechanical properties of human tissues to be replaced or repaired 
are based in their hierarchic structure, which is an organized assembly of struc-
tural units at increasing size levels that provides optimum fl uid transfer and self -
 healing [Sikavitsas,  2001 ]. The new generation of materials for medical implant 
must mimic the smart hierarchical structures presented in nature. 

 Bioinspired materials take advantage of the knowledge that nature has been 
optimising by evolution over millions of years. Advanced ceramics can now take 
inspiration from the most complex naturally organised chemical and biological 
structures. In this context, wood - based SiC ceramics (bioSiC) have been a matter 
of interest in the last decade [Ota,  1995 ; Byrne,  1998 ; Byrne  1997 ; Greil,  1998, 
1998a, 1999a ; Shin,  1999 ; Mart í nez,  2000, 2000a, 2003 ]. This bioinspired material is 
fabricated via the pyrolysis and infi ltration of natural wood - derived preforms, 
have tailorable properties with numerous potential applications. The experimen-
tal studies conducted to date on the development of materials based on biologi-
cally derived structures indicate that these materials behave like ceramic materials 
manufactured by conventional approaches. These structures have been shown to 
be quite useful in producing porous or dense materials having various microstruc-
tures and compositions. To further improve the fi xation and osteointegration 
performance, the bioinspired ceramics can be coated with a bioactive layer of 
hydroxyapatite, substituted apatites, or silica - based glasses. 

 This chapter shows that a new generation of bioderived ceramics can be 
developed and successfully used as a base material for medical implants, because 
they mimic the natural structure of bone.  In vivo  implantation experiments dem-
onstrate the excellent biocompatibility of this new material, and how it gets colo-
nized by the hosting bone tissue due to its unique interconnected hierarchic 
porosity. Specifi c plant species can be used as templates on which innovative 
transformation processes, acting at molecular level, can modify the chemical com-
position maintaining the original biostructure. Utilizing these transformation 
processes and building on the outstanding mechanical properties of the starting 
lignocellulosic templates, it is possible to develop light - weight and high - strength 
scaffolds for bone substitution with a suitable structure - morphology for optimum 
biomechanical performance, which opens the door to a whole new generation of 
biomedical applications.  

  11.3   BIOINSPIRED  S  i  C  BASED CERAMICS 

  11.3.1   Processing 

 The melt infi ltration method to produce biomimetic SiC - based ceramics follows 
the general fl ow chart in Figure  11.1 . The fi nal SiC product resembles the hard-
wood and softwood structures, shown in Figure  11.2  [Wheeler,  2001 ]. Therefore, a 
porous ceramic with a specifi ed structure and density can be made by choosing 
the appropriate wood precursor.   
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    Figure 11.1.     Schematic of the bioSiC fabrication process.  
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 These wood pieces are dried at 100    ° C for a few hours and pyrolyzed in argon 
atmosphere with well - controlled heating and cooling ramps up to 1100    ° C to 
create carbonaceous performs that mimic the wood microstructure (Figure  11.3 ). 
Typically in all kind of woods, approximately 75    ±    5% of the starting weight of the 
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natural original material is lost during the pyrolysis, mainly in the form of water 
vapor and other volatiles. Volume is reduced at the same time by about 60    ±    5%.   

 Wood consists of three major macromolecular constituents, namely cellulose, 
hemicellulose, and lignin. Typically, half of the dry weight of wood is cellulose, and 
hemicellulose and lignin consists of other half ( ∼ 25% each). The exact amount of 
these constituents changes with the specifi c nature and type of wood. The overall 
pyrolysis process of wood has been studied by a number of investigators and sum-
marized in a recent review publication [Sinha,  2000 ]. 

 Figures  11.4 a and  11.4 b show typical thermogravimetric analysis (TGA) and 
differential scanning calorimetry (DSC) of pyrolysis up to 1000    ° C [Singh,  2002 ]. 
There are similarities in the decomposition process. During the initial heating of 
the specimens, the removal of moisture starts around 100    ° C and is completed 

    Figure 11.3.     Microstructure of different types of natural wood - derived carbon performs: 

(a) pine, (b) beech, and (c) eucalyptus.  
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    Figure 11.4.     DSC and TGA curves for (a) maple and (b) mahogany during the pyrolysis.  
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around 170    ° C. During the second step of weight loss, the decomposition of hemi-
cellulose takes place at around 190 – 280    ° C and volatile products are released 
(CO 2 , CO, and other organics vapors). In the temperature range of 280 – 500    ° C, 
major weight loss takes place due to the decomposition of cellulose and lignin. 
The decomposition of lignin increases above 300    ° C and it results in a rapid 
increase in carbon content of the material. Typically, the majority of the decom-
position is completed by 500    ° C, and minimal weight loss occurs afterwards. The 
major weight loss events are shown in DSC curves, which exhibit the endother-
mic and exothermic nature of the reactions. Although the TGA curves for differ-
ent wood species are quite similar in their nature, the DSC curves may show slight 
differences due to differences in the chemical contents.   

 The pyrolyzed preforms were infi ltrated with silicon under vacuum. Gener-
ally, the infi ltration time and temperature depends on the melting point of the 
infi ltrants and dimensions and properties of the preforms. For silicon, infi ltration 
at 1450    ° C for 30 minutes is adequate. The subsequent SiC formation reaction is 
spontaneous and exothermic [Singh,  2000 ; Mart í nez,  2000 ; Singh,  2003 ; Arellano -
 L ó pez,  2004 ; Greil,  1998 ]. 

 The theoretical density of graphite is 2.16   g.cm  − 3  [Phule,  2002 ]. From the 
density of the carbon templates and the SiC density of Si - free fi nal products, it was 
also possible to estimate, with linear correlation of r 2    =   0.97, that [Varela,  2002 ]:

   ρ ρSiC C= ±( )2 8 0 4. .     (11.1)  

and then:

   ρ ρSiC Wood≈ 1 75.     (11.2)   

 Reproducible microstructures and good properties can be obtained with carbon 
template pore sizes  > 5    μ m. Final SiC materials are Si/SiC composites, with some 
unreacted C (Figure  11.5 ). To minimize the amount of unreacted C, which is del-
eterious for mechanical properties, an excess amount of Si over the stoichiometric 
amount is always necessary (20 – 100%), with the excess amount increasing as the 
typical pore size of the template increases. The reaction to form SiC results in a 
volume expansion which decreases the pore size and closes off some of the smaller 
pores compared to the C preforms, but the overall structure of the precursor 
wood is retained (Figure  11.6 ). The melt infi ltration method allows good control 
of the shape and density of the fi nal product by choosing the appropriate wood 
[Varela,  2002 ; Singh,  2002 ].   

 Nitric acid (HNO 3 ) and hydrofl uoric acid (HF) can be used to remove the 
excess unreacted silicon, typically fi lling the larger pores. After etching away the 
excess silicon, a porous silicon carbide skeleton remains (Figure  11.7 ). An impor-
tant advantage of this process is the possibility to tune the density of this material 
in a wide range (1.1 – 2.5   g.cm  − 3 ). Its density is very low in comparison with the 
literature values of the theoretical density of SiC (3.21   g.cm  − 3 ) and both medical -
 grade Ti (4,51   g.cm  − 3 ) and Ti - alloy (4,42   g.cm  − 3 ) [Mangonon,  1999 ].   
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 One of the advantages of the biomorphic SiC fabrication process, that make 
it give total freedom to obtain complex shapes, is that the fi nal shape of the 
ceramic parts is machined on the carbon perform (there is no shape change during 
melt infi ltration). This net - shaped process involves a soft material in an inter-

    Figure 11.5.     Sections (r/t) of beech - based bioSiC, observed in scanning electron microscopy 

using backscattered detectors, showing the distribution of SiC, Si, and C under increasing mag-

nifi cation (a), (b) and (c).  

(a)
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(c)
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mediate step, offers great fl exibility and a wide range of possibilities for the fabri-
cation of complex shapes (Figure  11.8 ). It allows effi ciently producing precision 
complex parts with fewer operations and setups, reducing cost, waste, and deliv-
ery times.    

  11.3.2   Microstructure, Phase and Element Distribution 

 The main variables distinguishing different species of woods are the types, sizes, 
and distribution of cells. Due to seasonal growth rate changes, these variables also 

    Figure 11.6.     Optical micrographs showing the microstructure of silicon carbide made from 

maple.  

    Figure 11.7.     Porous SiC fabricated by chemical etching of Si from the Si/SiC composites 

(upper right corner). Original wood is beech.  

200 μm
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differ within the same specifi c species [Panshin,  1980 ]. Woods can be classifi ed 
into hardwoods (angiosperms) and softwoods (gymnosperms) based upon 
whether the trees produce covered or uncovered seeds. As shown in Figure  11.2 , 
the microstructures of hardwoods and softwoods can also be used to distinguish 
the two groups due to the presence or absence of certain cell types. Hardwoods 
contain four types of cells: fi ber cells, which serve as mechanical support, and rays, 
sap channels (tracheae), and long tubular cells, which serve to transport and store 
food. On the other hand, softwoods are comprised almost completely of long 
tubular cells (tracheids). Growth rings are formed due to the changing growth 
rate of the wood through different seasons in a year. The repeated transition from 
early wood, which is composed of larger pores, to latewood, which is composed of 
smaller pores, results in the distinct rings visible on the macroscopic scale. By 
convention, the axial direction runs parallel to the elongated pores, the radial 
direction is perpendicular and crosses the growth rings at right angles, and the 
tangential direction is orthogonal to the axial and radial directions. A further clas-
sifi cation of hardwood microstructures divides them into two classes. Woods with 
a uniform distribution of cells are called diffuse - porous woods (poplar, beech, 
and so on), and woods with a bimodal distribution of cells are called ring - porous 
woods (sapele, red oak, mahogany, eucalyptus and so on). 

    Figure 11.8.     Complex shapes in bioSiC fabricated from different wood precursors.  
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 Figures  11.9 a and  11.9 b shows SEM micrographs of carbon precursors. In 
hardwoods, the pores typically follow a bimodal distribution, with small pores 
with diameters ranging from 4    μ m to 10    μ m and large pores ranging from 30    μ m to 
200    μ m, depending on the precursor [Singh,  2000 ; Mart í nez,  2000 ; Singh,  2003 ; 
Arellano,  2004 ]. The microstructure of the porous carbon performs are shown in 
Figures  11.9 a and  11.9 b in two different directions, respective to tree growth. 
There is a wide variation in the microstructure and density of the carbonaceous 
performs, due to the structural differences within a wood sample and between 
various types of wood. The variation of preform microstructure and properties 
can be utilized to produce fi nal materials with controlled composition and phase 
morphologies. The perform density and microstructure control the composition 
and microstructure of fi nal materials.   

 Figure  11.10  shows the principal aspects of the microstructure in bioSiC, as 
well as the main phases observed [Zollfrank,  2004 ; Zollfrank,  2005 ; Varela,  2005 ; 
Arellano - L ó pez,  2007 ; Varela,  2007 ]. As seen in the XRD in Figure  11.10 a, both 
Si and SiC are crystalline in bioSiC, while the carbon precursors are amorphous. 
In the SEM micrographs in Figure  11.10 b (1,2,3) crystalline Si is seen in brighter 
contrast. Crystalline SiC is seen as darker grey, and presents a bimodal grain size 
distribution consisting on both micron - sized grains ( μ  - SiC) and nanometersized 
grains (n - SiC), as seen in TEM pictures (4 and 5). Finally, unreacted amorphous 
C is seen as black. SEM/EDS micrograph (6) confi rms these observations.   

 Micron - size SiC grains are formed in the walls of sap channels (large chan-
nels with diameter over 5    μ m). In small channels, where Si is usually depleted in 
the reaction because micron - sized SiC grains closed the pores, nano - sized SiC 
grains can be observed between the large SiC grains and the unreacted carbon. 
These n - SiC grains are found forming rosettes in certain places, which is typical of 
diffusion - controlled growth, while  μ  - SiC grains are faceted, which is typical of 
solution - precipitation - controlled growth. Both unreacted Si and C areas can be 
found, normally separated by a SiC layer that prevents them from reacting with 
each other. 

 The previous observations make it possible to distinguish two reaction 
methods, depending on the diameter of the channels in the carbon preform. In 
both cases, molten Si penetrates through the carbon preform by capillarity and 
reacts with the solid C spontaneously and exothermically. If the channel is large 
and Si is abundant, Si - C groups are formed in Si solution until it saturates and 
 μ  - SiC grains precipitate. In the small channels, the process is similar but the large 
 μ  - SiC grains that precipitate close the pores. Under these conditions, the Si must 
diffuse through the previously formed SiC to react with the carbon perform. Thus, 
nanometer - sized SiC grains are formed in a process controlled by diffusion. 

 Concerning the chemical composition of these ceramics, EDS analyses show 
that this biomorphic material is a composite of a SiC skeleton with small amounts 
of unreacted Si and C. Recent studies conclude that the residual silicon does not 
present adverse physiological effects in the body; Si is safely excreted through the 
urine and no accumulation was found distributed in the major organs [Lai,  2002 ]. 
Table  11.1  shows the XRF and XPS analyses of the three SiC types [Gonz á lez, 
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    Figure 11.9.     Different SEM micrographs of sapelly carbon preforms in (a) radial and (b) axial 

directions.  

(a)

(b)
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    Figure 11.10.     (a) XRD spectra showing the crystalline phases present in the C preforms and 

bioSiC materials. (b) SEM, TEM micrographs and EDS composite showing different aspects of 

bioSiC microstructure.  

A
rb

it
ra

ry
 i
n
te

n
s
it
y

β-SiC

μ-SiCSiC

n-SiC

Si

Si

Si

C

C

202

111
111

002
202

113

Beech SiC

Beech C

Beech

Beech

Beech

Eucalyptus SiC

Eucalyptus C

20 35 50 65

2Θ

2 3

5

6

4

1

20 μm 20 μm

2 μm

500 μm

(a) (b)

 TABLE 11.1.     Chemical Composition Measured by  XRF  and  XPS  of  B  io  -  S  i  C  Obtained from 
Beech, Sapelly and Eucalyptus. The Presence in the  B  io  -  S  i  C  of the Corresponding Elements 
is Indicated by  X  

   Element  

   Bio - SiC type  

   Beech     Sapelly     Eucalyptus  

   XRF     XPS     XRF     XPS     XRF     XPS  

  Al    X        X    X    X    X  
  B                X        X  
  C    X    X    X    X    X    X  
  Ca    X    X    X    X    X    X  
  Cr                    X      
  Cu    X        X        X    X  
  Fe    X        X        X      
  K    X        X        X      
  La                    X      
  Mn                    X      
  N        X        X        X  
  Na    X        X        X    X  
  O        X        X        X  
  P    X        X        X      
  S    X        X        X      
  Si    X    X    X    X    X    X  
  Ti    X        X        X      
   Zn                         X       
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 2004 ]. The elements identifi ed by both techniques are marked in grey. The mea-
surements reveal the majority presence of Si and C. Small amounts of Ca were 
found in all samples and, in some cases, Al, Cu and Na. Other trace elements were 
also identifi ed in very low concentrations.   

 The biocompatible behaviour of this material has been tested by soaking the 
SiC ceramics in Simulated Body Fluid. Table  11.2  shows the ICP - MS analyses of 
the SBF fl uids after one - week immersion of the Bio - SiC materials [Gonz á lez, 
 2004 ]. The SBF element concentrations used as reference values are also shown. 
Only weak signals related to the release of Si and Cu until reaching concentration 
values in the order of ppm were observed. Most of the elements remain unchanged 
within experimental error. Therefore, it can be concluded that no important dis-
solution rate of these materials is observed and no adverse physiological effects 
in the body are expected.   

 The biomorphic SiC selected to be used as medical implant must have 
microstructural features similar to the ones of the cortical bones. In particular it 
will be important and adequate partial pore orientation and porous continuity; 
suffi cient pore volume (typically 50% to 70%); micropores of approximately 
10    μ m in diameter for cell adhesion; macropores with diameters larger than 
100    μ m for cell penetration, tissue ingrowth, and vascularisation [Gauthier  1998 , 
Black  1998 ]. The bimodal hard woods microstructures are very promising because 
they can fulfi l these requirements, in particular the beech, sapelly and eucalyptus 
precursors.   

  11.3.3   Reaction - Formation Mechanisms 

 Molten Si infi ltrates into the porous preform by effect of the capillary pressure 
[Bhagat,  1994 ; Gern,  1997 ; Greil,  2001 ; Sangsuwan,  1999 ]. Jurin ’ s law establishes 
that the maximum height a liquid can penetrate inside a capillary is:

   h
rg

max
cos= 2σ θ

ρ
    (11.3)   

 TABLE 11.2.     Release Test of  B  io  -  S  i  C  (mg/l) 

   Element     SBF     Beech     Sapelly     Eucalyplus  

  Al    0.014    0.007    0.005    0.004  
  Ca    93    104    97.8    86.4  
  Cu    0.01    0.375    0.097    0.166  
  Fe     < 0.005     < 0.005     < 0.005     < 0.005  
  P    37.1    32.4    33.8    32.3  
  S    4.62    6.33    5.3    4.5  
  Si    0.369    5.76    4.69    0.829  
   Ti      < 0.005      < 0.005      < 0.005      < 0.005  
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 Where  σ  is the surface tension of the liquid,  r  is the capillary radius,  θ  the contact 
angle,  g  is gravity ’ s acceleration,  ρ  the liquid ’ s density and  h  max  is the maximum 
height of the liquid inside the capillary. To describe the dynamical aspects of the 
liquid ’ s infi ltration in the tubular capillary a laminar fl ow is assumed, so Poi-
seuille ’ s law can be applied, giving:
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 Where  η  is the liquid ’ s viscosity,  t  is the time and  h  the height of the liquid inside 
the capillary. With these results, an estimation of the maximum infi ltration height 
can be done using the physical properties of molten Si [Gern,  1997 ; Gerwien, 
 1986 ; Grabmaier,  1981 ]. A carbon preform with a mean pore diameter of 5    μ m can 
be infi ltrated with liquid Si up to approximately 25   m high. Clearly the infi ltration 
process is very fast. For instance, a carbon preform with pore diameters ranging 
from 5    μ m to 100    μ m will be infi ltrated in less than two seconds. Although the 
large channels are infi ltrated faster than small ones (due to viscosity effects), the 
capillary pressure is much larger in the small channels, so because a large channel 
is connected to some small channels (see Figure  11.9 ), these will extract liquid Si 
from the large one until a pressure equilibrium is reached. 

 Most authors agree in the existence of an initial phase where the surface 
carbon is dissolved in the liquid Si and then is nucleated as SiC in the carbon 
surface. The latter growth of SiC can then be controlled by two different mecha-
nisms. One of them is the diffusion of C and/or Si through the previously formed 
SiC, as described by Hon et al. [Hon,  1979 ; Hon,  1980 ], Fitzer and Gadow [Fitzer, 
 1985 ; Fitzer,  1986 ] and Zhou and Singh [Zhou,  1995 ]. The other possible process 
is the solution - precipitation of all the carbon present in the silicon, as described 
by Pampuch et al. [Pampuch,  1986 ; Pampuch,  1987 ]. Whether one mechanism or 
the other dominates will depend on the morphology of the carbon preform. On 
bulk, poreless carbon once the initial SiC layer is formed Si and/or C will have to 
diffuse through the SiC and this is a slow process, due to the low C and Si diffu-
sion coeffi cients in SiC [Hon,  1979 ; Hon,  1979 ; Hong,  1980 ; Hong,  1981 ]. Typically, 
the formation of a 10    μ m thick SiC layer takes about one hour at 1500    ° C. 

 The  β  - SiC formation reaction follows fi rst order kinetics, so the concentration 
of each phase can be modelled using:

   C C C C kti i
f

i i
f[ ] = [ ]+ [ ]− [ ]( ) ( )0 exp     (11.5)   

 Where  k  is the reaction constant of the SiC formation reaction and  C i   is the 
concentration of phase  i .   Ci

f  is the concentration of each phase for an infi nite 
reaction time, which has to be introduced since Si is introduced in excess in the 
process, and   Ci

0 is the initial concentration of phase  i . Pampuch et al. studied the 
SiC formation process by reaction of bundles of C fi bres 4 – 6    μ m in diameter with 
liquid Si at 1422    ° C and 1439    ° C [Pampuch,  1986 ; Pampuch,  1987 ], and determined 
the reaction constant  k  using DTA analysis. They also estimated the reaction 
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constant using diffusion data from Hon et al. [Hon,  1979 ; Hon,  1980 ] and assum-
ing the reaction was controlled by diffusion through the SiC layer, concluding 
that the reaction had to be controlled by solution - precipitation of the C in the 
molten Si, as diffusion estimations gave much lower reaction rates than observed 
[Varela,  2007 ]. 

 For porous carbon preforms with wall thickness smaller than 10    μ m, the dif-
fusion mechanisms play no signifi cant role. Instead, the carbon is dissolved in the 
molten silicon and precipitated as silicon carbide near the carbon walls when the 
solution supersaturates. In the wood based carbon precursors used for bioSiC 
the carbon wall thickness is about 2    ±    1    μ m, so the SiC formation should be exclu-
sively controlled by solution - precipitation. However, as some of the channels in 
the preform have a diameter of the same range as the wall thickness, they can be 
closed as the SiC precipitates and thus coalesce with surrounding small channels, 
yielding an effective SiC layer that is signifi cantly thicker, forcing a scenario 
where the SiC growth can only happen by a diffusion mechanism. This is also sug-
gested by the presence of unreacted C in bioSiC (Figures  11.5  and  11.10 ). 

 In this scheme, the liquid Si must dissolve the cell walls of the carbon preform 
to form a solution which will then precipitate as micron - sized SiC grains. An esti-
mation of the time required for the solution of the preform into the molten Si can 
be made using the Nerst - Noves - Whitney equation:

   − = −( )
( )

dm
dt

DA c c
t

c s 0

ζ
    (11.6)   

 In Equation  11.6   −  dm c  / dt  is the carbon mass dissolved into the molten Si per unit 
time,  D  is the diffusion coeffi cient of carbon in liquid Si for a given temperature, 
 A  is the C - Si(L) contact surface,  ζ ( t ) is the thickness of the solution layer,  c s   is the 
carbon concentration and  c  0  is the initial carbon concentration, which is zero as 
initially the molten Si contains no C. For this example ’ s considerations and based 
on microstructural evidence, assume an initial wall thickness of one  μ m and 
suppose that the temperature is constant through the C/Si interface and its sur-
roundings, due to the high thermal conductivity of molten Si [Bartlett,  1967 ]. 
Further, suppose that the carbon concentration at the interface is that of equilib-
rium at the reaction ’ s temperature, that is,  c s    =   c e   for all  t     ≥    0, being  c e   the equilib-
rium concentration. Also, approximate  ζ ( t ) ∼ 4( Dt ) ½  [Crank,  1975 ]. Substituting 
into equation  (4) , one obtains:

   − =
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    (11.7)   

 Equation  11.7  make it possible to estimate the time needed to dissolve  a  with 
one  μ m - thick carbon wall as a function of temperature  T . For these calculations 
 c e   has been taken from the works of Scace [Scace,  1959 ] and  D  has been taken 
from [Gnesin,  1973 ]. It has been shown that the heat generated by the reaction 
can raise the temperature in the reaction zone by about 500    ° C. This has been 



BIOINSPIRED SiC BASED CERAMICS 373

observed by Pampuch et al. [Pampuch,  1986 ; Pampuch,  1987 ] by Differential 
Thermal Analysis of the infi ltration and reaction process of molten Si in a preform 
made of carbon fi bres, and by Sangsuwan et al. [Sangsuwan,  1999 ]. Therefore, if 
the molten Si temperature is 1550    ° C, then the process can reach 2000    ° C inside 
the C preform. For this temperature, and considering a wall thickness of one  μ m, 
all the carbon of the wall is dissolved in about a minute. 

 A model for the formation of bioSiC based in the C - Si solubility [Kleykamp, 
 1993 ] has been proposed [Varela,  2007 ], as shown in Figure  11.11 . If Si is major-
ity, then a liquid solution of Si/SiC is formed and micrometric SiC is precipitated 
upon cooling or saturation of the solution. Wherever C is majority, there is 
no Si/C liquid interface and the SiC is formed by a diffusion process that yields 
nanosized SiC grains. Which scenario occurs depends mainly on the channel 
diameter.   

 In Figure  11.11 a, the schematics of the SiC formation inside the large chan-
nels is shown, where liquid Si is majority. Liquid Si penetrates the carbon preform 
by capillary forces and because in the preforms the porosity is connected, the 
molten Si reaches all pores and channels. This process takes place in a few seconds, 
as has been previously shown. Silicon then reacts with the carbon preform forming 
Si - C groups dissolved in the liquid by corrosion of the carbon walls that surround 
the channels. As the walls are 1 – 2    μ m thick, the amount of available C is small 
compared to the Si volume and C is quickly depleted. This process take about a 
minute as has been previously shown. 

 The solution process is aided by the heat generated during the reaction which 
in turn raises the liquid Si temperature and enhances the C solubility. The SiC/Si 
solution supersaturates for small C concentrations, producing the precipitation of 
SiC near the C walls, yielding SiC grains in the micron range. This is supported by 
the faceted morphology of the large SiC grains. The process ends when all the 
carbon is depleted and all SiC has precipitated. 

 If the channel diameter is comparable to the C wall thickness, then the pores 
can become closed by the precipitation of SiC. In that case, the SiC barrier pre-
vents the complete reaction of the C preform in that zone, and so some unreacted 
C remains in the sample. The process in this scenario is schematized in Figure 
 11.11 b. As happens when the channels are large, the Si infi ltration occurs by 
means of capillary pressure. The liquid Si then reacts with the C in the perform, 
forming Si - C groups dissolved in the melt. Because there is more carbon than 
silicon, the solution is supersaturated earlier than in the previous case, and so 
micron - sized grains precipitate inside the channel and end up choking it. Up 
to now, the process is similar to the previous scenario and happens in the Si - rich 
part of the Si - C phase diagram. The Si is less and less available as the reaction 
takes place and so the system is displaced to the C rich part of the phase diagram. 
In this zone there is no solubility of Si into C so it is impossible for a solution -
 precipitation mechanism to occur. The only possibility available to the system is 
the formation of SiC by diffusion through the already formed SiC layer. At the 
SiC/C interface the grains have a size in the nanometre range because the kinetic 
of the reaction is extremely slow. For practical effects and considering the time 
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the system is allowed to react in typical fabrication conditions, the microstructure 
is frozen in the fi rst growth stage. 

  11.3.4   Mechanical Properties 

 The mechanical properties of biomorphic SiC have been extensively studied 
[Mart í nez,  2000 ; Mart í nez,  2003 ; Varela,  2001 ; Varela,  2002 ; Varela,  2002b ; Singh, 
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    Figure 11.11.     (a) Infi ltration - Reaction model in the large channels of the preform. 

(b) Infi ltration - Reaction model in the narrow channels of the preform.  
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 2002 ; Presas,  2005 ; Presas,  2006 ; Kaul,  2006 ; Smirnov,  2003 ; Kardashev,  2005 ; 
Kardashev,  2006 ; Gutierrez - Mora,  2005 ]. This section presents the results more 
directly related to the use of this material as medical implant. 

 The mechanical properties of the biomorphic composites at ambient tem-
perature are plotted as a function of density in Figure  11.12 . [Presas,  2005 ]. The 
axial compressive strength (Figure  11.12a ) of the Si/SiC composites was a linear 
function of the density, and this is in agreement with previous results on the com-
pressive strength of biomorphic Si/SiC manufactured from pyrolyzed poplar and 
obeche [Singh,  2002 ], in which the porosity was also the main factor controlling 
the strength. Of course, the particular microstructure of the biomorphic compos-
ites, inherited from the precursor woods, was responsible for the anisotropy in 
the compressive strength along the axial and radial directions in beech (Figure 
 11.12a ), and thus the oriented microstructure of the biomorphic composites 
provide optimized properties when loaded along the trunk axis. But the results 
indicate that the main factor controlling the axial compressive strength was the 
biomorphic density (or, inversely, porosity) rather than the actual precursor 
wood.   

 The behavior in bending and fracture is plotted in Figure  11.12b  and shows 
that the strength and toughness of the beech - based biomorphic composite with 
low density (2.1   g/cm 3 ) was similar to that of the beech -  and eucalyptus - based 
materials with higher density (2.5 – 2.6   g/cm 3 ). The fl exure strength measured in 
four - point bending by Singh and Salem [Singh,  2002 ] on mahogany and maple -
 based biomorphic Si/SiC composites processed by the same technique is also 
included in Figure  11.12b . Maple and mahogany are also hardwoods and their C 
templates also present the typical bimodal pore structure. However, no free C was 
found in these biomorphic composites and their fl exure strength was in good 
agreement with results in C - free low - density biomorphic Si/SiC composites 

    Figure 11.12.     Ambient temperature mechanical properties of the biomorphic Si/SiC com-

posites: (a) compressive strength; (b) fl exure strength measured in four - point (solid lines and 

symbols) and fracture toughness (open circles and broken line).  
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processed from beech, taking into account the differences in density. The fl exure 
strength of the high - density biomorphic composites processed from eucalyptus 
and beech was similar to that of the materials obtained from beech and mahog-
any, respectively, even though their density was signifi cantly higher. The fracture 
surfaces were always very brittle, and little information on the fracture micro-
mechanisms could be extracted from their analyses, although the most obvious 
reason for the better properties of the latter materials was the absence of residual 
C. Thus, the presence of residual C did not seem to infl uence signifi cantly the 
compressive strength of biomorphic Si/SiC composites but it was clearly negative 
in bending. The bending strength of brittle materials — as opposed to compressive 
strength — is controlled by the presence of defects where cracks are nucleated. 
Regions containing amorphous residual C enhance the total volume fraction of 
these regions in the biomorphic composites and reduce the overall bending 
strength while its infl uence on the compressive strength was very limited. 

 The compressive strengths of the porous bioSiC (with Si removed) [Kaul, 
 2006 ] are considerable lower (decrease up to 60%) than those of fully dense 
bioSiC/Si (Figure  11.13 ) [Singh,  2002 ; Presas,  2005 ]. This is not surprising as the 
residual Si serves to reinforce the bioSiC.   

 The values measured here agree with compressive strength values for bioSiC/
Si measured above the softening temperature of silicon [Varela,  2002 ; Mart í nez, 
 2003 ]. In addition to the infl uence of orientation on mechanical properties, pre-
cursor type, independent of porosity, appears to play a signifi cant role. For a given 
porosity, SiC samples fabricated from diffuse - porous precursors have better 
mechanical properties than those fabricated from ring - porous precursors. In com-
pression, failure is the result of accumulated damage. The lower compressive 
strength of ring - porous SiC cannot be explained only by the larger pores in these 
materials. The difference in strength between ring - porous and diffuse - porous SiC 
is hypothesized to be infl uenced by the amount of residual carbon. 

 It can be seen that for a given porosity ring - porous hardwoods tend to have a 
higher carbon content than that produced from diffuse - porous hardwoods in the 
fi nal biomorphic SiC. In the diffuse - porous samples, residual carbon is generally 
10 vol.% of the solid phase. However, this value ranges from fi ve percent to 50% 
for ring - porous samples, and the amount of residual carbon tends to increase with 
decreasing porosity in the precursor. These measurements can be a consequence 
of SiC formation mechanism in the two types of porosity. To fully convert the 
carbon scaffold to SiC, the molten silicon must infi ltrate all pores. In diffuse -
 porous preforms, the uniform distribution of sap channels allows for easier infi l-
tration. In ring - porous samples, with a non - uniform distribution, there are areas 
of lower density where sap channels are present that are easily infi ltrated as well 
as areas of higher density where only fi ber cells are present that are not as easily 
infi ltrated. The majority of the pores in ring - porous precursors are smaller fi ber 
cells, so incomplete reaction is likely. Also from Table  11.2 , it is evident that there 
is greater variability in the amount of residual carbon for the ring - porous than for 
the diffuse - porous SiC, which indicates that the residual carbon is not homo-
genously distributed in the material. 
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 Fracture toughness of porous bioSiC has a strong dependence on orientation 
and on porosity, as shown in Figure  11.14 . Experiments show higher fracture 
toughness when cracks propagate in directions perpendicular to the axial direc-
tion and lower fracture toughness values for propagation in directions parallel to 
the axial direction. This dependence of fracture toughness on crack propagation 
direction can be explained by the orientation of the elongated anisotropic pores. 
Cracks propagating in directions parallel to the axial direction are able to propa-
gate in preferred paths along these elongated pores. Cracks in transverse direc-
tions are forced to propagate along tortuous paths and across these elongated 
pores, which results in higher fracture toughness values. The fracture toughness of 
Si/SiC composites for crack propagation perpendicular to the axial direction are 

    Figure 11.13.     Compressive strength as a function of porosity for: (a) axial; and (b) tangential 

and radial orientations with UDP and NUDP bioSiC grouped in the axial plot (error bars equal 

one standard deviation).  
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50 – 70% higher than the values measured on porous samples due to the presence 
of excess silicon, as expected [Presas,  2005 ].   

 The elastic moduli of porous bioSiC determined in compression in the axial 
and transverse directions are plotted as a function of porosity in Figures  11.15 a 
and  11.15 b [Kaul,  2006 ]. By grouping these data by the type of precursor (in this 
case, diffuse - porous and ring - porous), it is apparent that the axial stiffness of dif-
fuse - porous SiC are more sensitive to porosity. Porous SiC is signifi cantly stiffer 
in the axial direction than in transverse directions, in most cases by one order of 
magnitude. A similar trend as the compression strength.   

 Such behavior is typical of honeycomb materials where the transverse (or in -
 plane) strength and stiffness are controlled by cell - wall bending, whereas axial (or 
out - of - plane) strength and stiffness depend on compression of the cell walls. The 
elastic moduli reported here are about half that reported in the literature for 
biomorphic Si/SiC at room temperature [Singh,  2002 ; Smirnov,  2003 ; Kardashev, 
 2005 ; Kardashev,  2006 ]. This is not surprising as the unreacted silicon stiffens the 
composite. 

 Mart í nez et al. [Mart í nez,  2003 ] has compared the mechanical properties of 
biomorphic SiC with other siliconized SiC. Figure  11.16  shows the strength data 
for the reaction bonded SiC (RBSC), reaction formed SiC (RFCS), and BioSiC 

    Figure 11.14.     Fracture toughness as a function of porosity for cracks propagating perpen-

dicular (axial) and parallel (non - axial, transverse) to the axial direction of bioSiC derived from 

several precursors (error bars equal one standard deviation and arrows refer to the axial direc-

tion). Values predicted by the MSA model for axial and transverse orientations are also shown 

by the dashed lines.  
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materials is plotted as relative strength,  σ  c / σ  ys  (where  σ  c  is the strength of the 
porous solid and  σ  ys  is the strength of the fully dense material), versus SiC volume 
fraction. The strength data of the fully dense sintered SiC, measured under the 
same experimental conditions, is taken from a previous work [Mu ñ oz,  2002 ]. For 
every material, the average of the relative strength was taken, and the scatter is 
indicated with the error bars. The compressive strength of BioSiC was measured 
in the axial and radial orientation. It was up to six times larger when the com-
pression was parallel to the axial direction, indicating the importance of the 

    Figure 11.15.     Elastic modulus as a function of porosity for: (a) axial; and (b) tangential and 

radial orientations with UDP and NUDP bioSiC grouped in the axial plot (error bars equal one 

standard deviation). Values predicted by the MSA model for both orientations are shown by 

dashed lines.  
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orientation of the SiC cells on the high strength of the material. RFSC have a 
strength that is roughly the average of the axial and radial strength of BioSiC, and 
RBSC has a signifi cant lower strength than the other two types of siliconized SiC. 
The curves of the axial BioSiC and RBSC (materials with the best and worse 
strength) are displaced roughly 20% on SiC content for the same strength.   

 In summary, the mechanical properties of biomorphic SiC with microstruc-
ture suitable of medical applications are very promising. The room - temperature 
compressive strength in the longitudinal (biological precursor growth) direction 
of sapelli - derived bioSiC is from 1160    ±    100 (s.d.) MPa to 210    ±    20 (s.d.) MPa, and 
in the radial direction is from 430    ±    50 (s.d.) MPa to 120    ±    10 (s.d.), depending on 
the amount of silicon removal, that can be controlled by thermal or chemical 
etching. These results compare positively with the compressive strength of a 
typical human cortical bone: 193   MPa in the longitudinal direction and 133   MPa 
in the radial direction [Gibson,  1973 ]. The absolute values of strength are in the 
same range that the lowest values of bioSiC, being their density range very similar 
(density range of cortical bone 1,6 – 2,0   g.cm  − 3 ) [Gibson,  1973 ]. The room tempera-
ture bending strength of bioSiC ranges from 430    ±    60 to 150    ±    20   MPa in the 
density range of 2.3 to 2.0   g.cm  − 3  [Presas,  2005 ]. Elastic modulus range from to 25 
to 230   GPa depending on the amount of silicon removal [Smirnov  2003 , Kaul 
 2006 ], so this property can be modelled close to the value of the elastic modulus 
of cortical bone (15    ±    5   GPa) [Gibson,  1973 ]. The fracture toughness reach values 

    Figure 11.16.     Plot of the relative strength versus the volume fraction of SiC for the silicon-

ized SiC ceramics studied in this work. For every material, the average of the relative strength 

at different temperatures was taken. See text for further discussion.  
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between 2 – 3   MPa(m) 1/2  [Presas,  2005 ], typical values for SiC ceramics already 
used in medical applications. The mechanical properties indicate that bioSiC 
ceramics are suitable materials for medical devices in terms of structural require-
ments as they present better strength than cortical bone and reasonable tough-
ness. Moreover, taking into account the biomechanical requirements (density, 
elastic modulus, strain failure, porosity topology, and so on) of a particular type of 
bone in the body that should be repaired, biomorphic SiC ceramics can be tai-
lored by an appropriate precursor selection.  

  11.3.5   Optimization of Mechanical Properties by the 
Biomimetic Structure 

 The models available in the literature for microstructure - strength dependence in 
porous materials can be classifi ed under two main approaches: models for cellular 
materials (porosities over 70%) where the strength is mostly related with the 
bending strength of the cell walls [Gibson,  1988 ], and, models for systems with 
lower porosities, where it is assumed that the strength is only dependent of the 
minimum solid area perpendicular to the applied stress [Rice,  1996 ; Rice,  2000 ]. In 
the fi rst case, mechanisms such as bending or crushing of individual cell walls may 
be active; in the second case, the behavior will be similar to that of a monolithic 
material with a certain detriment to the mechanical properties by the porosity. 

 The volume fraction of SiC on the materials studied in this work, and the 
microstructural observations, fi t better with the assumptions of the minimum 
solid area approach, that is, the rather than as a cellular material. The limitations 
of the cellular model to study BioSiC strength data were already pointed out by 
Varela et al. [Varela,  2002 ]. In addition to the limitation to describe structures 
within our range of porosities, the cellular model cannot differentiate between 
the different topologies of the materials studied in this work. Results obtained 
will be discussed in terms of the effects of the porous topology on the minimum 
solid area of the system. 

 The porous structures can be modeled as formed by either stacking of parti-
cles with a certain degree of bonding (truncate shapes), or stacking of pores 
totally or partially enclosed by the solid web. The minimum solid area of a micro-
structure depends on the topology of the pores/particles composing the system, 
type of stacking, and the amount of porosity. In the case of stacking of regular 
particles, there is a maximum porosity limit after which the particles lose connec-
tivity (and load carrying ability), and the structure has sectional cuts with zero 
solid area. For porosities under this value, the minimum solid area is calculated 
considering particles with truncated shapes. In the case of stacking of regular 
pores, the equivalent to the previous porosity limit defi ne the transition from 
closed to connected porosity. A stacking of pores, then, can hold load in all the 
porosity range. The minimum solid area for close porosity is straight forward, and 
for connected porosity it is calculated considering pores with truncated shapes. 
The relative strength of a porous microstructure is equal to the relative minimum 
solid area in the direction perpendicular to the stress. 
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 In Figure  11.17  [Mart í nez,  2003 ] it has been plotted, together with the experi-
mental relative strength, the expected theoretical values for ideal microstructures 
composed of spherical particles in cubic stacking, spherical particles in rhombo-
hedral stacking, spherical pores in cubic stacking, tubular pores aligned in the 
testing direction, cylindrical pores perpendicular to testing direction in random 
stacking, and square shaped tubular pores perpendicular to testing direction 
[Rice,  1996 ; Rice,  2000 ]. The theoretical curves are slightly displaced to make the 
extrapolation to zero porosity of the experimental relative strength intersect 
the origin of these curves. The reason for this displacement is that the strength of 
the SiC contained in siliconized SiC may be different to the strength of the fully 
dense  α  - SiC used to calculate the relative strength.   

 In the case of reaction bonded silicon carbide (RBSC), the microstructure 
of SiC grains can be best modeled as a stacking of spherical particles. This 
ideal microstructure loses connectivity for porosities ranging from 26% to 52% 
depending on the type of stacking of the spherical particles. The strengths 
obtained in this work are located in - between these curves (curves one and two in 

    Figure 11.17.     Theoretical values of the relative strength versus the volume fraction of SiC ex-

pected from the minimum solid area model, for ideal microstructures of (solid lines): spherical 

particles in rombohedral stacking (1), spherical particles in cubic stacking (2), spherical pores in 

cubic stacking (3), tubular pores aligned in the testing direction (4), cylindrical pores in random 

stacking perpendicular to testing direction (5), and square shaped tubular pores perpendicular 

to testing direction (6). The experimental values are also included. Each family of experimental 

values is connected with arrows (dashed lines) to drawings and micrographs of the ideal and 

real microstructures. See text for further discussion.  
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Figure  11.17 ). This approach explains the large decrease in strength of Cerastar 
RX. At these silicon contents, the contact sites are small enough to be fractured 
by the applied stresses, leading a deformation controlled by the fl ow of silicon. 

 The reaction formed silicon carbide (RFSC) microstructure can be modeled 
by a stacking of spherical pores (silicon regions), as it is generated from the silicon 
infi ltration of a carbon preform with a sponge - like microstructure. Its strength is 
close to the curve expected for this ideal microstructure (curve three of Figure 
 11.17 ) although the experimental slope is a bit higher. The strength of BioSiC 
fabricated from mango wood (58% of SiC) is included together with the RFSC 
data, because it shows very little anisotropy due to its short longitudinal cells 
[Mart í nez,  2000 ]. 

 The pores/channels in BioSiC have cylindrical/tubular shape, so this mate-
rial must be modeled by a stacking of cylindrical/tubular pores. This implies that 
the behavior will be anisotropic and the strength in the axial and radial direction 
has to be different. It must be noted that the compressive strength of RBSC, 
RFSC, and BioSiC in the axial and radial direction, follow the same order in 
strength level as predicted by a stacking of spherical particles, spherical pores, 
cylindrical pores in the longitudinal and perpendicular direction, respectively 
(Figure  11.17 ). 

 In the case of axial compression of longitudinal tubular pores, the type of the 
stacking and shape of the tubular pores does not have infl uence on the theoretical 
strength (the strength is simply equal to the volume fraction). The experimental 
results are lower than the ones predicted by the model (curve four of Figure 
 11.17 ) and the slope of the experimental curve is slightly higher. There are several 
microstructural factors that can account for the differences with the idealized 
model: 

  1.     The cells in biomorphic SiC are not perfectly aligned, which could pro-
mote some bending of the cell walls. This effect must be more important 
for the lower densities and could be partially responsible for the higher 
slope of the experimental curve.  

  2.     The cell shape differs from a perfect cylinder. The walls present  “ defects ”  
related with the nature of the precursors, as pores. Additionally, the sepa-
ration between contiguous cells may not be fl at.  

  3.     There is a certain amount of radial channels, so the theoretical strength 
should be taken as an average of the strength of a solid with longitudinal 
tubular pores, and a small proportion of tubular pores oriented perpen-
dicularly to the applied stress. This fact, may explain the differences in 
strength of the model and experimental values. In this regard, it is remark-
able that microstructures like the one of BioSiC fabricated from  Cistus 
ladanifer  (rockrose), without radial channels, show a strength very close 
to the theoretical one (Figure  11.17 , 75% SiC).    

 When the compression is done in the radial direction, the models predict a 
strong dependence with the type of stacking of the tubular pores and a slight 
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dependence with their shape. In hard woods (higher densities) the distribution of 
pore size is bimodal and the packing of small pores around the big ones is random. 
The bimodal distribution of the pore size is the way nature reaches a high poros-
ity, providing the necessary transfer of fl uids for a particular vegetal species, and, 
at the same time keeping the wall thickness at adequate values. The strength of 
the BioSiC ceramics fabricated from these woods is close to that predicted by a 
random distribution of cylindrical pores (curve fi ve of Figure  11.17 ). 

 However, for higher porosities, the random distribution of pores loses inter-
connection as refl ected by the sudden decrease of strength in the curve fi ve of 
Figure  11.17 . At these lower densities the use of wall material available must be 
optimized, and compact packed structures like the one from pine are found. In 
pine wood, the number of neighbors is reduced to four and the cells have square 
shape. The radial strength of the BioSiC ceramics fabricated from pine wood is 
close to the expected values for an ideal cubic packing of tubular cells with square 
shape (curve six of Figure  11.17 ). The high scatter on the strength of BioSiC fab-
ricated from pine wood, not found in other types of BioSiC ceramics (standard 
deviations of around 60% versus a typical 20%), can be explained by the high 
anisotropy of the strength between the axial and perpendicular direction, so small 
misalignments can have important consequences on the measured strength. This 
high anisotropy is also present within the plane perpendicular to the axial direc-
tion, where the strength is highly dependent on the orientation between compres-
sion direction and cell wall. The cells are stronger when compressed perpendicularly 
to the cell wall than at an angle. The distribution of the square cells forming rings 
in the tree, assures that any external force will be acting in the strongest orienta-
tion. Summarizing, as the density of the structures is reduced, the microstructure 
of these biomimetic SiC - based materials change to maintain a good strength 
value.   

  11.4   BIOINSPIRED CERAMICS COATED WITH 
BIOACTIVE MATERIALS 

 When bioinert materials, such as titanium, Co - Cr alloys, stainless steel, alumina, 
zirconia, and so on, are implanted into the body, a thin layer of fi brous tissue 
forms around them, leading to the encapsulation of the implant [Anderson,  2004 ]. 
The interface between prosthesis and its host tissue is especially susceptible to 
stress, and the mismatch in either biochemical or biomechanical factors can lead 
to interfacial deterioration and eventual failure. As the isolation of the implant 
from the body can have disastrous effects on some clinical applications, these 
implants require a periodical revision and, eventually, a replacement due to, 
among other factors, the lack of interaction with the receptor bone [Hench,  1993 ; 
Ratner,  2004 ]. 

 To solve these problems and produce cementless devices with enhaced 
fi xation and osteointegration performance, a new approach leading to the for-
mation of a bond across the interface between the implant and the bone via 
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chemical reactions has been attempted, the so - called bioactive bonding. The 
implant surface is often coated with bioactive ceramics, which is designed to 
elicit a specifi c biological response at the interface of the material, resulting 
in the formation of a bond between tissues and the material [Hench,  1993 ; 
Yamamuro,  1990 ]. This concept includes a large number of bioactive materials 
including hydroxyapatite [Darimont,  2002 ], glass ceramics [Andersson,  1990 ] and 
glasses [West,  1990 ], which have been successfully applied as coatings in metal 
prosthesis. 

  11.4.1   Hydroxyapatite and Substituted Apatites 

 Hydroxyapatite (HA), Ca 10 (PO 4 ) 6 (OH) 2 , is the calcium phosphate biomaterial 
most frequently used due to its high biocompatibility and bond integration, being 
the material most similar to the mineral component of the bones. HA fi nds broad 
clinical applications in the repair of bone defects, the bone augmentation and in a 
variety of other areas in the muscoskeletal and dental fi elds not involving high 
loads. Its poor mechanical properties are the greatest impediment to its broader 
use in load - bearing applications in the human body. However, as HA is so similar 
to the receptor tissue, HA coatings have been widely applied in metallic implants 
in load - bearing orthopaedic applications [Hallab,  2004 ], improving dramatically 
the adhesion of these implants to the living bone tissue. 

 Despite HA being the main mineral component of the bone, its mineral phase 
cannot be described only as hydroxyapatite but also as a multi - substituted calcium 
phosphate, and, in fact, there has been an increasing interest in the production of 
enhanced HA materials, such as the silicon substituted hydroxyapatite (Si - HA) 
[Balas,  2003 ; Marques,  2001 ]. As a matter of fact, the role of Si during the miner-
alization that takes place at early stages of bone development is well known [Car-
lisle,  1970 ] and investigations on Si defi ciency in the diet showed that it stands 
behind diseases like osteoporosis [P é rez - Granados,  2002 ]. 

 The HA, being only osteoconductive, does not satisfy the criteria of an 
ideal bioactive material because HA resorbs very slowly and the dissolution 
products do not stimulate the genes in the osteogenic cells. Silicon - substituted 
HA coatings or scaffolds release small concentrations of silicon and calcium 
ions, which have been found to stimulate seven families of genes in osteoblasts, 
increasing proliferation and bone extracellular matrix production [Jones, 
libro  2005 ]. Genes are activated by small concentrations (less than 20 parts per 
million) of hydrated silicon (Si(OH) 4 ). Therefore, small amounts of silica (SiO 2 ) 
can be substituted for calcia (CaO) in synthetic hydroxyapatite. There is also 
enough experimental evidence of the improved bioactivity of the Si - HA when 
compared to the ordinary HA.  In vivo  experiments have shown that bone 
ingrowth in silica - substituted HA granules was signifi cantly greater than that in 
phase - pure HA granules, the former being classifi ed as an osteoproductive or 
regenerative material [Jones,  2005 ; Porter,  2003 ]. Therefore, it is clear that the 
production of coatings from this new material can be of interest to the medical 
industry.  
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  11.4.2   Bioactive Glasses 

 Glasses, as a subclass of ceramics, constitute the most important group of non -
 crystalline solids. Glasses are amorphous materials that maintain a disordered 
atomic structure, characteristic of liquids of a very high viscosity, which behave 
like solids. The most common and technologically the most important group of 
glasses are the silicate glasses. Silicate glasses are made up of a network of tetra-
hedra of four large oxygen ions with a silicon ion at the centre. Each oxygen is 
shared by two tetrahedra, giving the bulk composition of SiO 2 . However, the basic 
silicate network can incorporate virtually all atoms of the periodic table of ele-
ments, and thus silicate glasses of numerous different compositions and proper-
ties can be obtained. 

 Special compositions of glasses containing the same compounds present 
in bones and tissue fl uids (Na 2 O, P 2 O 5 , CaO and SiO 2 ) are bioactive, which 
means that bioactive glasses have the ability to react chemically with living 
tissues, forming with them mechanically strong and lasting bonds [Hench,  1993 ; 
Yamamuro,  1990 ; Jones,  2001 ; Ducheyne,  1998 ]. Bioactive silica - based glasses are 
structurally based on tetrahedral units   SiO4

4−, where the central silicon atom with 
the external electronic confi guration 3 s  2 3 p  2  assumes a tetrahedral hybrid state  sp  3  
and contributes one electron to each bond. Consequently, two cases can occur; 
either: 

  1.     each oxygen atom with electronic confi guration   1 2 2 2 22 2 2 1 1s s p p px y z  uses 
their two unpaired electrons in  σ  covalent bonds with two neighbour sili-
con atoms ( “ bridging oxygen, ”  BO), or  

  2.     each oxygen uses one unpaired electron in a  σ  covalent bond with the 
neighbour silicon atom, the other unpaired electron being available to 
ionic interaction with alkaline or alkaline - earth metals, the so - called net-
work modifi ers ( Na  + ,  K  + ,  Ca  2+ ,  Mg  2+ , etc.), forming  “ non - bridging ”  oxygen 
(NBO) bonds [Galeener,  1979 ; Gaskell,  1991 ].    

 The presence of these cations results in a disruption of the continuity of the 
glass network. For this reason, NBOs play a key role in the bioactive response of 
these glasses [Serra,  2002 ]. After implantation, the surfaces of these materials in 
contact with body fl uids give rise to the formation of a silica hydrogel layer that 
leads to subsequent crystallisation of the apatite - like phase. Hench et al. [Hench, 
 1972 ,  1993 ], proposed a theoretical model to explain the interfacial bonding 
mechanism of bioactive glasses in inorganic fl uid environment. 

 The bioactivity process can be summarized in fi ve steps: 

  1.     rapid exchange of alkali or alkali - earth ions with H +  or H 3 O +  from the 
solution;  

  2.     loss of soluble silica in the form of Si(OH) 4  to the solution;  
  3.     condensation and repolymerization of SiO 2  - rich layer on the surface de-

pleted in alkalis and alkaline - earth cations;  
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  4.     migration of Ca 2+  and   PO4
3− groups to the surface through the SiO 2  - rich 

layer forming a CaO - P 2 O 5  - rich fi lm on top of the SiO 2  - rich layer, followed 
by the growth of the amorphous CaO - P 2 O 5  - rich fi lm by incorporation of 
soluble calcium and phosphorus from the solution;  

  5.     crystallization of the amorphous CaO - P 2 O 5  fi lm by incorporation of OH  −  , 
  CO3

2, or F  −   anions from the solution to form a mixed hydroxy - carbonate -
 fl uorapatite layer.    

 Melting and sol - gel are two well - known methods of producing glasses. The fi rst 
bioactive melt - derived silicate glass was reported by Hench [Hench,  1972 ]. The 
synthesis process consisted of mixing the analytical grade precursors, such as 
Ca(H 2 PO 4 ) 2 , Na 2 CO 3 , CaCO 3 , MgO and SiO 2 , and melting them in a platinum 
crucible, in air, at 1500    ° C for one hour, to ensure a good homogeneity and fi ning. 
Next, the product was quenched in water in order to produce a glass frit which 
was crushed and reduced to glass powder. 

 The synthesis process of sol - gel glasses [Vallet,  2001 ] consists of the hydroly-
sis and polycondensation of tetraethyl orthosilicate (TEOS) and triethyl phos-
phate (TEP), catalyzed by Ca(NO 3 ) 2 . Next, the solution is introduced into a 
hermetically - sealed container where it is allowed to gel at room temperature and 
then aged at 60 – 70    ° C for three days. Drying is carried out at 150    ° C under high 
humidity conditions. The dried gel is then ground and sieved. Glass pieces are 
processed combining uniaxial and isostatic pressing and, then, exposed to a stabi-
lization treatment carried out by heating at around 700    ° C. 

 At present, the main clinical applications of bioactive glasses are in the 
middle ear surgery to replace ossicles damaged by chronic infection, in replacing 
the iliac crest and in vertebral surgery, periodontal repair, maxilofacial recon-
struction and orthopaedic repair [Hench,  2005 ]. The production of bioactive glass 
fi lms can also be of interest with a view to using them in coat load - bearing ortho-
paedic devices, since they improve dramatically the adhesion of the coated 
implants to the living bone tissue.  

  11.4.3   Coating Deposition Techniques 

 The coating of implants with bioceramic materials is a complex process. The clin-
ical success of the coated implants is greatly determined by the quality and the 
endurance of the fi xation at the interface, which largely depends on the purity, 
the particle size, the chemical composition, the thickness of the coating and the 
surface morphology of the substrate. 

 Different coating methods have been applied to the production of bio-
active coatings, such as plasma spray [Dyshlovenko,  2006 ], biomimetic method 
[Tanahashi,  1994 ], magnetron sputtering [Thian,  2007 ], sol - gel [Vallet - Reg í ,  2001 ] 
and electroforetic deposition [Ducheyne,  1986 ]. Among them, pulsed laser depo-
sition (PLD) is an attractive technique due to its unique advantages, such as good 
adhesion, possible deposition of materials with high melting - point, absence of 
contamination, possibility of preparing coatings in a reactive environment, ability 
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to transfer the stoichiometry of very complex materials to the coating, and a fi ne 
control of the fi lm properties [Cotell,  1993 ; Serra,  1995 ; Arias,  1998 ; Gonz á lez, 
 2003 ]. 

 This technique is based on melting and vaporization of a starting material 
source with the required composition for obtaining the fi nal coating. A high -
 power laser is used to ablate the target material, forming a plasma plume which is 
directed towards the substrate to be coated. The ablation process is carried out in 
vacuum or in a gas environment favouring the chemical reaction of the highly 
excited ablated particles with other gaseous precursors [Chrisey,  1994 ; Miller, 
 1998 ]. Several processing conditions, such as the substrate temperature, gas pres-
sure and laser parameter infl uence the growth rate and the physico - chemical 
properties of the coatings which can be fi nely tuned. 

 Figure  11.18  depicts a typical experimental system for pulsed laser deposi-
tion. The target and the substrate are situated inside a high vacuum chamber 
equipped with a turbomolecular pump to ensure low base pressures. The chamber 
consists of a heatable substrate holder and a target rotation system to avoid the 
crater formation and, therefore, improve the homogeneity of the coating. Several 
measuring devices ensure the control of the processing pressure, gas fl ow and 
substrate temperature. The beam of an excimer or Nd:YAG laser is focussed onto 
the target through a transparent window, and its energy density and pulse repeti-
tion rate are also controlled.   

 The physical mechanisms involved in the different stages of the PLD process, 
which are quite complex [Chrisey,  1994 ; Miller,  1998 ], are the following: 

  1.     interaction of the laser with the target, where the photons are absorbed by 
the target material leading to the evaporation of the material;  

  2.     expansion of the ablated products, where an ablation plume is generated, 
consisting of a hot plasma at high pressure which expands in presence of 
ambient gases;  

    Figure 11.18.     Detailed scheme of the experimental setup for the production of bioactive 

coatings.  
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  3.     interaction of the plasma plume with the substrate, leading to a large num-
ber of gas phase collisions;  

  4.     nucleation and growth of the coating on the substrate surface, which also 
involve many processes such as atomic deposition, re - evaporation, clus-
ter nucleation and growth, species diffusion within the surface and cluster 
dissociation.    

 All these mechanism can be infl uenced by the experimental processing condi-
tions and would infl uence the physicochemical properties of the coatings.  

  11.4.4   Physico - Chemical Properties of the Hydroxyapatite and 
Substituted Apatite Coatings 

 The pulsed laser deposition method has been successfully applied to the prepara-
tion of high quality crystalline HA coatings on Ti substrates [Cotell,  1993 ; Arias, 
 1997 ; Solla,  2005 ], enhancing greatly the fi lm properties in comparison with those 
obtained by commercial techniques such as plasma spray [Garc í a - Sanz,  1997 ]. 
Also, silicon substituted apatite [Solla,  2007 ] coatings have been recently obtained 
by laser ablation. 

 Thin fi lms of hydroxyapatite (HA) and Si substituted hydroxyapatite (Si -
 HA) were grown from ablation targets made with different mixtures of commer-
cial carbonated HA and Si powder (0, 2.5, 5, 7.5 and 10% at.), in the presence 
of a water vapour atmosphere. The physico - chemical properties of the coatings 
and the incorporation of the Si into the HA structure were studied by Fourier 
Transform Infrared Spectroscopy (FTIR), X - Ray Diffraction (XRD) and X - Ray 
Photoelectron Spectroscopy (XPS). 

 Figure  11.19  shows the FTIR spectra of the coatings, exhibiting the presence 
of the main absorption bands corresponding to carbonated hydroxyapatite, 
being: 

  1.     1000 – 1200, 960 and 560   cm  − 1  attributed to asymmetric stretching, sym-
metric stretching and asymmetric bending vibrations of   PO4

3− groups 
respectively,  

  2.     1400 – 1500 and 875   cm  − 1  that are assigned to asymmetric stretching and 
bending vibration of   CO3

2− groups respectively, and  
  3.     an absorption at 3575   cm  − 1  corresponding to the stretching vibration of the 

OH  −   groups that are present in the HA structure.      

 With the progressive introduction of the amount of Si in the ablation target, many 
differences were observed in the IR spectra: 

  1.     an intense reduction of the intensity of the OH  −   stretching absorption 
band at 3575   cm  − 1 ,  

  2.     an evident diminution of the intensity of the   CO3
2− asymmetric stretching,  
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  3.     a peak at 940   cm  − 1  present in all the samples except the Si free one (HA), 
iv) a small shoulder at 690   cm  − 1  and,  

  4.     a small peak at 670   cm  − 1  for samples with high Si content. These phenom-
ena have been reported before by many authors [Gibson,  1999 ; Botelho, 
 2002 ; Arcos,  2004 ].    

 Figure  11.20  shows the XRD spectra of the HA, HASi50, and HASi100 coatings. 
All of the coatings produced exhibit a crystalline structure and present exactly 
the same refl ection peaks as the reference coating of pure HA, thus it is clear that 
all the coatings have a hydroxyapatite structure and no secondary phases were 
formed due to the Si substitution. The only difference that arises is that, when the 
Si content is increased, XRD refl ections become less intense. This phenomenon 
indicates a progressive loss of cristallinity along with the Si substitution, a fact 
that is coherent with the FTIR analysis aforementioned.   

 The chemical surface characterization of the Si - HA coatings was performed 
by XPS analysis which provides very useful information on the Si bonding envi-
ronment. The quantifi cation of the Si transferred to the coating from the initial 
ablation target is summarised in Table  11.3 . It is clear that as the concentration of 
Si in the ablation target increases, the quantity of Si transferred to the coating 

    Figure 11.19.     FTIR spectra divided in the main areas of interest of the following samples: A) 

HA (0% Si), B) HASi25 (2,5% Si), C) HASi50 (5% Si), D) HASi75 (7,5% Si) and E) HASi100 (10% 

Si). The target ablation was carried out with an ArF excimer laser (193   nm), operating at 175   mJ 

and a pulse repetition rate of 10   Hz. The fi lms were deposited in a water vapour atmosphere 

(0,45   mbar), and the Si and Ti substrates were maintained at 460    ° C during the fi lm growth. 

 From [Solla,  2007 ].   
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 TABLE 11.3.     Quantifi ed  XPS  Results for the Different  S  i  -  HA  Coatings Obtained by  PLD  in a 
Water Vapour Atmosphere 

    Sample   

   Composition (at. %)     Binding energy (eV    ±    0.2   eV)  

    Si       Ca       P       Ca/(P    +    Si)       Si  2p       Ca  2p       P  2p   

  HA     —     26.0    12.5    2.08     —     347.3    133.3  
  HASi25    1.6    25.8    11.2    2.01    100.9    347.3    133.2  
  HASi50    2.6    23.8    12.2    1.61    101.7    347.2    133.1  
  HASi75    2.8    24.7    12.3    1.63    101.4    347.5    133.5  
    HASi100      3.4     20.7     9.8     1.57     101.5     347.4     133.3  

  From [Solla,  2007 ].  

    Figure 11.20.     XRD pattern of different thin fi lms deposited by PLD in a water vapour atmo-

sphere.  From [Solla,  2007 ].   
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increases as well, on the other hand, the quantities of Ca and P remain almost 
constant within the error range, the exception being a small decrease in the 
HASi100 sample.   

 Considering their binding energy, the energies of the Si 2p , Ca 2p , P 2p  and O 1s  
peaks are all constant within the error range. The P 2p  peak is centered at 
133,3    ±    0.2   eV, and the O 1s  is at 531.1    ±    0.2   eV and 532.7    ±    0.2   eV, the binding ener-
gies that can be assigned to apatite groups. The Si 2p  energies around 101.6    ±    0.2   eV 
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can be assigned to Si atoms present in an ortho - silicate group,   SiO4
4−. Most of the 

literature references of chemically - synthesised Si - HA show that since the   SiO4
4− 

groups occupy   PO4
3− sites, the commonly agreed mechanism is a subsequent sub-

stitution of   PO4
3− by   SiO4

4− groups [Gibson,  1999 ; Arcos,  2004 ]. 
 On the other hand, there is evidence that when   CO3

2− groups are present in 
the HA structure, it is more accurate to talk about a competition between the 
  CO3

2− and   SiO4
4− groups for the   PO4

3− sites, rather than about a 1   :   1 substitution of 
phosphate by silicate [Marques,  2001 ]. Given that the percentage of P does not 
vary importantly with the Si substitution, and that FTIR results show an impor-
tant decrease of the   CO3

2− groups in the coatings as the Si is incorporated, it can 
be stated that in this case and with the deposition technique,   SiO4

4− groups are 
preferentially displacing the   CO3

2− rather than the   PO4
3− groups, although substitu-

tion of phosphate by silicate may occur at some extent. 
 In fact, when the Ca and P values remain very stable from the HA pure to the 

HASi75 coating, the HASi100 sample has slightly lower values for these atoms, 
indicating that the phosphate by silicate substitution is gaining importance in this 
case. Another indicator that is very frequently used in the fi eld of bioactive 
calcium phosphates is the Ca to P ratio (Ca/P), and its purpose is to be compared 
with the Ca/P ratio that is found in the mineral part of the bone (1.67). In the 
study of Si - HA this factor is replaced by the Ca/P+Si ratio [Gibson,  1999 ], and it 
is usually intended to remain the closest to the Ca/P ratio of the bone. On the 
other hand, it has been found that with this technique silicate groups are princi-
pally replacing carbonate instead of phosphate groups, and consequently the Ca/
P+Si ratio grows with the Si incorporation as the quantity of P is not being altered.  

  11.4.5   Physico - Chemical Properties of the Bioactive Glass Coatings 

 Comprehensive works on bioactive glass coatings grown by Pulsed Laser Deposi-
tion (PLD) have been reported [D ’ Alessio,  1999 ; Serra,  2001 ; Liste,  2004 a,  2004 b]. 
The physico - chemical properties of the coatings should be carefully tuned by 
changing the processing conditions in order to obtain fi lms with optimized prop-
erties and adequate biological response. To illustrate this fact, in this section, the 
dependence of the composition of the bulk glasses used as ablation targets on the 
properties and bioactivity of the bioactive glass coatings is reported. 

 Different compositions of bulk glasses (Table  11.4 ) in the system SiO 2  - Na 2 O -
 K 2 O - CaO - MgO - P 2 O 5  - B 2 O 3  have been used to grow bioactive coatings. Although 
the PLD coating technique allows the congruent transfer of the bulk glass com-
position to the coatings [Liste,  2004 a,  2004 b], FTIR and XPS analyses show 
important differences between the bulk and the fi lm bonding confi guration. 
Figure  11.21  shows the FTIR spectra of a typical bioactive glass target and the 
corresponding coating. In both cases, the main peaks of bioactive glass [Gonz á lez, 
 2002 ; Serra,  2002 ] are observed: 

  1.     a band at 1000 – 1200   cm  − 1  assigned to the Si - O - Si asymmetric stretching 
vibration,  
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  2.     a weak band at around 750   cm  − 1  associated to the Si - O - Si bending vibra-
tion, and  

  3.     an additional band at 900 – 950   cm  − 1 , corresponding to the non - bridging 
silicon - oxygen groups (Si - O - NBO).        

 Two important variations in the IR bands can be remarked: 

  1.     the peak associated to the Si - O - Si stretching vibration shifts to lower 
wavenumbers and its intensity increases, and  

  2.     the band intensity assigned to the Si - O - NBO groups decreases.    

 TABLE 11.4.     Composition of Bioactive Glasses (wt%) 

        Na 2 O 
(wt%)  

   K 2 O 
(wt%)  

   CaO 
(wt%)  

   P 2 O 5  
(wt%)  

   MgO 
(wt%)  

   B 2 O 3  
(wt%)  

   SiO 2  
(wt%)  

   BG42     20    10    20    3    5     —     42  
   BG50     15    15    15     —     2    3    50  
   BG55     21    9    8    4    2    1    55  
    BG59      10     5     15     3     5     3     59  

  From [Liste,  2004b ].  

    Figure 11.21.     Typical FTIR spectra of i) bulk glass (BG50) used as ablation target and ii) the 

corresponding PLD coating.  From [Liste,  2004b ].   
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 These facts evidence the rearrangement of the coating silica network towards 
a more organized structure. 

 In order to clarify the chemical bonding of the bioactive glass coatings, X - ray 
induced Photoelectron Spectroscopy (XPS) analyses were carried out. The O 1s  
and Si 2p  photoelectron spectra of different coatings are shown in Figure  11.22 . The 
O 1s  photopeak can be studied to provide useful information on the bonding states 
of the oxide ions in the silicate glasses. The curve fi tting of the O 1s  photoelectron 
spectrum shows two well - resolved peaks around 532 and 530   eV, associated with 
the bridging silicon - oxygen groups (BO) and non - bridging silicon - oxygen groups 
(NBO) respectively. When the silica content of the bioactive glasses is increased, 
two important effects are observed: variations in the intensity of the BO and 
NBO bands; and the shift of the binding energies of the photopeaks (O 1s  and Si 2p ) 
towards higher values.   

 These results are associated with a change in the chemical environment of the 
silica structural unit. The vitreous silica structure is formed by SiO 4  tetrahedra 
connected by BO groups. If network modifi ers (Na + , K + , Ca 2+  and Mg 2+ ) are added 
to the silica network, the peak intensity corresponding to BO groups decreases 
due to the formation of NBO groups. The ions induce structural changes leading 
to the breaking of Si - O - Si groups between adjacent tetrahedra. The charge is 
compensated by the formation of NBO groups which are associated with a nearby 
alkali or alkali earth ion. 

 Fourier Transform Infrared and X - ray Induced Photoelectron Spectroscopies 
show that the physico - chemical properties of the bioactive glass coatings grown 
by laser ablation can be fi nely tuned. Therefore, the reactivity of the glass coatings 
can be controled when they are exposed to physiological fl uids. This fact is dem-
onstrated [Liste,  2004 b] by a comparative  in vitro  study of the bioactive behaviour 

    Figure 11.22.     XPS spectra of O 1s  and Si 2p  photoelectrons for different bioactive glass coat-

ings.  From [Liste,  2004b ].   
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of the PLD - coatings and bulk glasses in simulated body fl uid (SBF), with ion 
concentrations and pH nearly equal to those of human plasma [Kim,  2001 ], 
keeping the specimens in an incubator at 36.5    ° C for 72 hours. 

 Figure  11.23  shows the products which originated after the immersion of 
beech - based SiC coated with a 30    μ m glass coating. The SEM micrograph and 
EDS spectrum (Figure  11.23 a) demonstrate the formation of a calcium phosphate 
(CaP) layer on the top of the coating. The presence of the silica - rich layer which 
corroborates the bioactivity of the PLD glass coatings deposited on biomorphic 
SiC is observed in the SEM cross - section (Figure  11.23 b). This fact is the fi rst sign 
of the possible bioactivity of this material  in vivo  [Borrajo,  2006 ].   

 SEM/EDS analyses of the  in vitro  tested bulk glasses and of the corre-
sponding PLD coatings after immersion in SBF are shown in Figure  11.24 . The 
bulk glasses present the three expected layers (CaP - rich, CaP - SiO 2  mixture and 
SiO 2  - rich), which correspond to different phases of the chemical routes of the 

    Figure 11.23.     Typical SEM micrographs and EDS analyses of bioactive glass coating (BG42Y) 

on biomorphic SiC after immersion in SBF for 72   h. Longitudinal axis (a) and cross - section 

(b) images are shown. The coating processing conditions were: laser energy density 4.17   J/cm 2 , 

repetition rate 10   Hz, substrate temperature 200    ° C.  From [Borrajo,  2006 ].   

(a)

(b)
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bioactivity process explained previously. When the silica content of the glass 
decreases, the thickness of the CaP - rich layer increases and, therefore, the glass 
bioactivity increases due to the presence of the network modifi ers.   

 The coatings grown by PLD show a similar behaviour to the bulk glasses but 
two important differences can be observed: a decrease in the layer thickness and 
a shifting of the  in vitro  bioactivity behaviour with respect to the bulk glass. It 
should be noted that a similar bioactivity grade was found for the bulk BG50 and 
the coating BG42. 

 This phenomenon corroborates that the growth of thin fi lm bioactive materi-
als should be carefully controlled because their composition and bonding confi g-
uration play an important role in their bioactivity, which is a key factor for the 
development of biomedical products with an adequate biological response.   

  11.5   BIOCOMPATIBILITY STUDIES FOR MEDICAL APPLICATIONS 

  11.5.1    In Vitro  Cytotoxicity Test 

 Testing for cytotoxicity is a good fi rst step towards ensuring the biocompatibility 
of this innovative product for its application in biomedical devices. A negative 
result indicates that the material is either free of harmful extractables or contains 
a quantity of them insuffi cient to cause serious effects in isolated cells under exag-
gerated conditions. However, it is certainly not, on its own merit, evidence that a 
material can be considered biocompatible; it is simply a fi rst step. On the other 
hand, a positive cytotoxicity test result can be taken as an early warning sign that 
a material contains one or more extractable substances that could be of clinical 
importance. In such cases, further investigation is required to determine the utility 
of the material. 

 The biological response of the human osteoblast - like cell line MG - 63 (ATCC 
number CRL 1427) to different biomorphic SiC types and to SiC ceramics coated 
with bioactive materials has been determined [de Carlos,  2006 ; Borrajo,  2006 ]. 
The cells were regularly grown in EMEM (EBSS) culture medium supplemented 
with 2   mM glutamine, 1% non - essential amino acids and 10% foetal bovine serum 
(FBS), at 37    ° C in a humidifi ed atmosphere with 5% of CO 2 . 

    Figure 11.24.     Thickness of CaP, CaP - SiO 2  and silica - rich layers of the bulk and the coatings of 

bioactive glasses.  From [Liste,  2004b ].   
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 The test on extracts was conducted by measuring the cellular activity in 
response to different concentrations of solvents extracted from the materials 
using the MTT cell proliferation assay. This test is a colorimetric assay system 
that measures the reduction of the yellow tetrazolium salt MTT (3 - [4,5 - dimethyl-
tihazol - 2 - yl] - 2,5 - diphenyl tetrazolium bromide) into an insoluble purple forma-
zan crystals by the mitochondrial enzyme succinate dehydrogenase, only present 
in viable cells. This cellular reduction involves the pyridine nucleotide cofactors 
NADH and NADPH. The formazan crystals formed were solubilized and the 
resulting coloured solution was quantifi ed using a scanning multiwell spectropho-
tometer, with the absorbance values being proportional to the number of viable 
cells [Selvakumaran,  2005 ]. 

 Extracts were prepared by rolling bioSiC pieces (coated and uncoated) in 
EMEM culture medium supplemented with 10% foetal calf serum for 90 hours 
at 37    ° C. Different concentrations of these extracts were incubated for 24 hours 
with MG - 63 human osteoblast. Extracts obtained from Polyvinyl chloride discs 
and Thermanox plastic cover slips were used as positive and negative controls 
respectively. The extracts were diluted with EMEM to give 10, 20, 30, 50 and 100% 
of the original concentration. 

 MG - 63 osteoblast - like cells were seeded at a concentration of 6    ×    10 5  cells per 
mL, grown to confl uent layers in 96 - well tissue culture plates in a fi nal volume of 
0.1   mL of culture medium per well. The different concentrations of the extracts 
were incubated with cells for 24 hours. Four wells per substrate and extract con-
centration were used. After incubation, cellular activity was quantifi ed by using 
the MTT assay as previously described. 

 Normalized solvent extraction tests summarize the MG - 63 osteoblast - like 
cell activity after the incubation with different concentrations of the extracts 
obtained from uncoated biomorphic SiC ceramics and coated bioSiC ceramics 
with bioactive glass (Figure  11.25 ). Thermanox plastic cover slips were used as 
a negative control and PVC were used as a positive toxic control. A bulk bioac-
tive glass and Ti6Al4V were used as references for the test. As can be seen, 
PVC extract (positive for cytotoxicity) reduced cell viability in a progressive 
manner for all tests, thus validating the solvent extraction method and dilution 
procedures.   

 In the solvent extraction test for uncoated samples (Figure  11.25 a), the refer-
ence materials present an absorbance similar to Thermanox slips, which means 
the absence of cytotoxicity. All the extracts did not signifi cantly affect the cellular 
activity at any of the concentrations tested, not even at 100% concentration. Only 
a slight detrimental effect was found for sapeli and eucalyptus wood ceramics for 
extract concentrations of 30 and 50% that disappears at 100% of extract concen-
tration. Nevertheless, the differences fall within the statistical range. This result 
suggests that bioSiC is free of harmful extractable substances or has, at least, an 
insuffi cient quantity of it to cause serious effects in cell monolayers under  in vitro  
culture conditions. 

 The same behaviour was found for the coated biomorphic SiC. Cells incu-
bated in the bioactive glass - coated SiC ceramics extracts (Figure  11.25 b) showed 
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a proliferation rate similar to that of the Thermanox control and reference mate-
rials. The hydroxyapatite and Si - substituted apatite coated SiC extracts also did 
not affect cellular activity at any of the concentrations tested (not shown), their 
values being similar to the ones obtained with the Thermanox cytotoxic negative 
control. A slight decrease in cellular activity could be observed for the 100% con-
centration of the coated SiC ceramic extract, which was not over the signifi cant 
limits. 

 There were no signifi cant differences when the cellular attachment response 
of the cells to the wood - based biomorphic SiC ceramics, uncoated or coated with 
bioactive materiales (hydroxyapatite, Si - substituted apatite and bioactive glass), 
was compared to the one exhibited by reference materials Ti6Al4V and bulk 
bioactive glass. These facts demonstrate that bioinspired ceramics coated with 
bioactive materials do not have any negative effects on the activity of MG - 63 
osteoblast - like cells and this fact is very promising for biomedical applications.  

  11.5.2    In Vitro  Cell Attachment and Proliferation Tests 

 The ability of bioSiC to sustain cell attachment and growth was assessed by 
seeding MG - 63 human osteoblast - like cells on the material [de Carlos,  2006 ; 
Borrajo,  2006 ]. The attachment of the cells on beech, eucalyptus and sapelli - based 
biomorphic SiC ceramics coated with bioactive glass was compared by means of 
SEM (Figure  11.26 ). Provided that the same number of cells (10 5  cells/cm 2 ) has 
been seeded, the attachment of the cells occurs in the same way in all tested 
samples. None of the wood - based SiC ceramics, coated or uncoated, exhibited a 
higher rate of cell attachment and growth. The cells attached in the same effi cient 

    Figure 11.25.     Relative cellular activity from the solvent extraction test for (a) uncoated 

bioSiC and (b) coated bioSiC with bioactive glass by PLD. PVC: positive toxic control; BG: 

bioactive glass, Ti6Al4V: titanium alloy; Be, Eu, Sa: beech, eucalyptus and sapelli; Ti/BG: Ti 

coated with bioactive glass; Be/BG, Eu/BG, Sa/BG: beech, eucalyptus and sapelli - based SiC 

ceramics coated with bioactive glass.  From [Borrajo,  2006 ].   
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    Figure 11.26.     Scanning electron microscopy images showing the comparative attachment 

of MG - 63 osteoblast - like cells six hours after seeding on uncoated (A, B, C) or bioactive glass -

 coated (E, F, G) beech (A, E), eucalyptus (B, F) and sapelli (C, G) — based biomorphic SiC ceram-

ics, and on two reference materials, Ti6Al4V (D) and bioactive glass (H). Magnifi cations in all 

cases are 1000 × .  From [de Carlos,  2006 ].   
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manner to all parts of the ceramic pieces, including naturally occurring pores and 
channels present on axial (A and C, upper right angles) and longitudinal (B, F) 
sections of uncoated (A, B, C) or coated (E, F, G) samples. At this magnifi cation 
(1000x), where cell details become more conspicuous, fl attened and spread osteo-
blastlike cells were observed, which began to penetrate and colonise the inner 
surface of the existing pores. Rounded cells involved in cellular division events 
could be seen attached to the outer surface on the inside of the pores. After six 
hours, cells spread out, displaying a fl at confi guration and a normal morphology. 
Expansion of the cytoplasm was already visible and completely spread with, in 
many cases, the bulge of the nucleus and surface microvilli very apparent, with 
profusion of fi lopodia, as well as with larger cytoplasm extensions (lamellipodia). 
Neighbouring cells maintained physical contact with one another through cyto-
plasm extensions. No evidence of any major deleterious or cytotoxic responses 
was observed. The appearance of the MG - 63 cells was the same as the one 
observed on two reference materials, namely Ti6Al4V (D) and bulk bioactive 
glass (H). Similar results were found for cell attachment and growth on biomor-
phic SiC ceramics coated with hydroxyapatite and silicon substituted apatite by 
seeding Saos - 2 cells on the material.    

  11.5.3    In Vivo  Biocompatibility Studies 

 To explore the potentials of the biomorphic silicon carbide and bioactive coat-
ings for medical applications,  in vivo  biocompatibility studies were carried out 
[Borrajo,  2007 ; Gonz á lez,  2008 ]. Caution must be increased when comparing 
 in vitro  models to the multi - factorial and multi - cellular  in vivo  environment. Cells 
invariably behave differently  in vivo  due to the presence of other cell types, 
numerous cell signalling factors, the extracellular matrix and physiological differ-
ences in terms of mechanical stress, blood fl ow and 3D growth. 

 To assess the bioSiC as a biocompatible material,  in vivo  experiments by 
implantation in the femur condyles of twelve rabbits were carried out. The new 
bone growth on the periphery of bioSiC cylinders (3.9   mm diameter and 10   mm 
length) and inside the pores was evaluated and compared with titanium pieces 
implanted as controls. After 12 weeks of implantation, specimens for histological 
examination using Optical Microscopy were taken. Samples were fi xed in formal-
dehyde solution, dehydrated by increasingly concentrated alcohols, infi ltrated 
with and embedded in Technovit 7200 VLC, and processed by the cutting - 
grinding method. Final 30    μ m sections were stained with Levai - Laczko staining 
technique. 

 Histological (Figure  11.27 ) examination showed the new bone formation 
around the implants and inside the SiC porous matrix, without the appearance of 
fi brous tissue on the bone - implant boundary and without any relevant infl amma-
tory reaction. There were no signifi cant differences between the bone density 
formed around the SiC implants and Ti controls (Table  11.5 ).     

 Additional analysis of SEM micrographs (Figure  11.28 ) showed the presence 
of trabecular bone in the central pores of the ceramics, reaching an average 
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    Figure 11.27.     Optical images of the histological section of a bioSiC implant retrieved 12 

weeks after implantation. At the periphery of the implant (I), the newly formed bone is in 

close contact with the bioSiC (arrows) and in continuity with the surrounding trabechular host 

bone. Inset: Newly formed bone (B) is growing inside the SiC porous matrix (I).  

 TABLE 11.5.     Bone Density Evaluated on the Periphery of the  Bio  S  i  C  Implants Fabricated 
from Pine and Sapelli. Titanium Implants were Used as Reference Materials 

   Implant  

   Bone density (mm 2 )  

   1     2     3     4     5     Av.  

  Pine - SiC    0.48    0.48    0.41    0.49    0.36    0.45  
  Sapelli - SiC    0.42    0.27    0.34    0.32    0.15    0.31  
   Titanium     0.25     0.36     0.32     0.45     0.35     0.35  

growth of 700    μ m inside the implant. Different zones around the implant and 
inside the pores were identifi ed as tissue in the fi rst steps of the bone mineraliza-
tion process by backscattering electron detection and Energy Dispersive X - Ray 
Spectroscopy (EDS) analysis. Ca/P ratio values close to those of trabecular bone 
were found. As the last step, the  in vivo  biocompatibility of biomorphic SiC was 
demonstrated.     

  11.6.   CONCLUSIONS 

 This chapter introduces the development of an innovative bio - inspired product, 
based on silicon carbide ceramics coated with bioactive materials, as new 
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biomedical devices. The complete technological process, from the production of 
the bio - derived silicon carbide and the bioactive coating deposition to  in vitro  
and  in vivo  biocompatibility studies, is presented. 

 Bio - derived silicon carbide ceramics, fabricated from cellulose templates, are 
light, tough and high - strength materials that mimic the natural structure of the 
bone. The physico - chemical properties of the bioactive coatings can be tuned to 
provide the optimum reactivity in contact with the host tissues, improving the 
fi xation and osteointegration. 

 This study demonstrates that this ceramic product, formed by the bioSiC and 
the bioactive coating, presents a good biological response, being similar to tita-
nium controls but additionally, it incorporates the unique property of intercon-
nected porosity, which is colonized by the bone tissue. 

 The versatility of the SiC fabrication process and the coating deposition 
method opens the door to a whole new generation of metal - free implants for 
biomedical applications. In particular, to solve problems of degenerative disc 
diseases, bioinspired SiC is being investigated for the fabrication of intersomatic 
vertebral cages for posterior fusion surgery of the lumbar column with the 
purpose to immobilize spinal segments and in an attempt to obtain a higher fusion 
rate, restore disc height and indirectly decompress neural structures. 

    Figure 11.28.     Typical cross - section SEM micrograph of a sapelli based SiC ceramics implanted 

for 12 weeks in rabbit femur. The porosity of the implant is colonized by the bone tissue with 

high concentrations of Ca and P (see EDS spectra).  
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 Further studies on the design of highly performing bioinspired materials 
from marine precursors (such as algae and marine plants) are carrying out. These 
new inspirational templates are interesting for the development of novel 
bioceramics with adequate microestructures for highly porous tissue - engineered 
scaffolds. 

 Finally, the focus should be on advanced bioactive scaffolds enabling internal 
growth of tissue and the site specifi c delivery of bioactive signalling factors (tem-
perature, pH, concentration, internal stimuli, etc). The approaches should include 
issues such as drug delivery devices, remodelling of large bone defects and 
improved tissue - biomaterial interface.  
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  12.1   OVERVIEW 

 Ionomer glasses are an important type of glasses used for the formation of glass 
polyalkenoate cements (glass ionomers), a popular type of white dental fi llings, 
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the setting of which is based on an acid – base reaction. The acid attacks and 
degrades the glass structure, releasing metal cations that cross - link the carboxyl 
groups on the polyacrylic acid chains, forming a cement with a microstructure 
consisting of reacted and unreacted glass particles that are embedded in a poly-
salt matrix. Although the main application of glass polyalkenoate cements is in 
dentistry, these cements may have potential as bone cements eliminating a lot of 
problems associated with conventional acrylic cements. The development of 
ionomer glasses is therefore an important part of current research in this area as 
the structure and the properties of the glass would infl uence the application range 
of glass polyalkenoate cements. There are several types of ionomer glasses that 
have been developed since the discovery of glass polyalkenoate cements by 
Wilson and Kent in the late 1960 ’ s. The most common type of ionomer glasses is 
fl uorine containing aluminosilicate glasses. 

 This chapter will give an overview of what has been achieved until today in 
this area and will focus on the design and structural characterisation of fl uorine 
containing alumino - phospho - silicate ionomer glasses. The chapter starts with 
an introduction to the subject, which is followed by a brief description of 
Zachariasen ’ s Random Network Theory and Lowenstein ’ s glass formation rules 
based on which the ionomer glasses were designed. The chapter continues with a 
review on the structural characterisation including original results from the 
author ’ s own studies the last four years based on advanced multinuclear solid 
state MAS - NMR spectroscopy. The chapter closes with a reference to the crystal-
lisation behaviour of ionomer glasses and recent work on the cation substitution 
and its effect on the structure of glasses.  

  12.2   INTRODUCTION 

 Glass ionomer cement or glass poly - alkenoate cement is a dental cement pro-
duced by mixing a powder prepared from a calcium alumino - silicate glass with 
an aqueous solution of poly - acrylic acid. The calcium alumino - silicate glass that 
usually contains fl uoride ions is called an  ionomer  glass. Glasses for this applica-
tion generally contain 20 – 36   wt.% SiO 2 , 15 – 40% Al 2 O 3 , 0 – 35% CaO, 0 – 10% 
AlPO 4 , 0 – 40% CaF 2 , 0 – 5% Na 3 AlF 6  and 0 – 6% AlF 3   [1] . During the setting reac-
tion of the cement, the ionomer glass provides the ions that leach from the glass 
as a result of glass surface dissolution under the polymeric acid attack that leads 
eventually to the polymer chains cross - linking as shown in Figure  12.1   [2] .   

 Glass ionomer cements were fi rst described by Alan Wilson and Brian Kent 
in 1971 and presented a natural extension to the zinc polycarboxylate cements 
that became available in the late 1960s  [3 – 8] . The fi rst commercial dental cements 
were launched in 1975. Their mechanical properties were far more inferior com-
pared to the materials available today  [8, 9] . The glass component in dental 
cements is of an alumino - silicate type containing Ca and fl uoride ions. The glasses 
can be made by mixing the appropriate oxides and fusion of ingredients in the 
temperature range of 1200    ° C to 1590    ° C, depending on the composition. The fi nal 
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form is usually a coarse glass frit that results from the quenching of the melt 
either onto a metal plate and then into water or directly into water. The glass is 
then ground further by dry milling in a ball mill or a gyro mill to a particle size less 
than 45    μ m for a fi lling grade cement or less than 15    μ m for a fi ne grained lutting 
cement. The main criterion for the design of the glasses is their basic character 
that would compensate for the low acidity of polyacrylic acid. Often, the reactiv-
ity of the glasses needs to be reduced by etching of the glass particles with 5% 
aqueous acetic acid or annealing of the glass at temperatures in the range of 
400    ° C to 600    ° C depending on the composition. There is a large number of 
ionomer glass compositions that have been studied as cement formers. An impor-
tant advantage of the ionomer glasses is that under appropriate heat treatments, 
they crystallise into an apatite phase that makes the glass - ceramics biocompatible 
and promising for use in restoring and replacing hard tissues in orthopaedic and 
dental fi elds. Hill et al. developed a series of glasses that crystallise into needle -
 like fl uorapatite and mullite phases that interlock with each other giving rise to 
high fracture toughness values  [10, 11] . 

 This chapter aims to give an overview of the structure of ionomer glasses 
starting from the design of the glasses and fi nishing with the characterisation 

    Figure 12.1.     Schematic illustration of A: acid degradation of an alumino - silicate network and 

B: setting reaction in a glass ionomer cement  [2] .  
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emphasising advanced techniques used to elucidate the presence of complex 
species within the glass network.  

  12.3   IONOMER GLASS COMPOSITIONS 

 Four main types of ionomer glasses have been used for cement forming: 

  1.     Alumino silicate glasses, that have been mainly studied by Wilson and 
co - workers  [4, 5, 12]  in the early 1970 ’ s and are based on the systems SiO 2  -
 Al 2 O 3  - CaO or SiO 2  - Al 2 O 3  - CaF 2 ;  

  2.     Aluminoborate glasses studied by Combe et al.  [13 – 15]  based mainly on 
the system Al 2 O 3  - B 2 O 3  - ZnO - ZnF 2 ;  

  3.     Zinc silicate glasses based on the systems CaO - ZnO - SiO 2  or Al 2 O 3  - ZnO -
 SiO 2  and  

  4.     Alumino - phospho - silicate glasses based on the system SiO 2  - Al 2 O 3  - P 2 O 5  -
 CaO - CaF 2 .    

 Among the glasses with interesting properties were the aluminoborate glasses 
formulated by Combe et al.  [14] . These glasses can undergo hydrolysis in the 
presence of aqueous environment, which can be controlled by appropriate heat 
treatments resulting in controlled reactivity of the glass ionomer cements and 
enhancing compressive strength  [13, 15] . However, the reported compressive 
strengths were not comparable to aluminosilicate glass based ionomer cements 
and therefore the aluminoborate glasses were abandoned for cement formation 
 [8] . Zinc silicate glasses were investigated by Hill and co - workers  [16, 17]  and the 
resulting glass ionomer cements exhibited high strength. The main characteristic 
of the glass compositions was that in contrast to the aluminosilicate glasses, the 
ratio of Al/Si was not an important factor to determine the reactivity of the 
glasses. Depending on the role of zinc in the glass network whether it was a 
network modifi er or an intermediate oxide, the network connectivity of the glass 
determined its reactivity and cement forming ability. According to Nicholson  [8]  
these cements were very weak for clinical dental applications and as they could 
degrade by hydrolysis, the glasses did not prove to be successful substitutes for 
alumino - silicate glasses. However, Boyd et al.  [17]  recently reported that there is 
a great potential for the glasses to be used for bone cement formation. Especially 
when aluminium is considered a potent neuro - toxin promoting cellular oxidation, 
zinc - silicate glasses may have a positive effect  in vivo , increasing the DNA of 
osteoblasts, which would result in increased bone mass. Furthermore, zinc is 
important for the function of the immune system and has been recognised as an 
antibacterial agent. All these factors make zinc - silicate glasses interesting materi-
als that could be used for aluminium - free - cement formation. 

 In order to serve the purpose of this chapter, the authors will concentrate 
on the design and characterisation of the fl uorine containing alumino - phospho -
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 silicate glasses, which is the most important type of ionomer glasses used today 
for commercial glass ionomer cements.  

  12.4   DESIGN 

 The models for glass structures today are all based on the original ideas of 
Zachariasen and are grouped under the general term of Random Network Theory, 
although Zachariasen ’ s fi rst approach did not use the term random but vitreous 
network, instead. Zachariasen ’ s rules were formed initially to explain the glass 
formation and were not intended to be used as a discussion of structural models. 
However, the rules expanded through wide usage and empirical observations into 
a set of rules for formulating models of glass structures. Table  12.1  summarises 
Zachariasen ’ s rules, stating the conditions for the formation of a continuous 3D 
glass network with no indication, however of the degree of long range order, 
together with three modifi ed rules for more complex glass systems  [18, 19] .   

 The model itself states that glass consists of random assemblies of SiO 4  tetra-
hedra that are linked in the corners to form chains. The simplest composition that 
is capable to form a glass network must consist only of such tetrahedra. This type 
of structure, however, would be resistant to an acid attack due to its neutral elec-
tron charge. By aluminium inclusion, the behaviour of the glass can be altered as 
aluminium provides only three positive charges and therefore, according to 
Loewenstein ’ s rules  [20] , aluminium is forced to take up a four - fold coordination 
[AlO 4 ] 5 −   creating a defi ciency of positive charge in the aluminosilicate network, 
which means that a negative surplus charge resides in each SiO 4  tetrahedron 
(Figure  12.2 ). The negative charge can be compensated by cations like Ca 2+ , Na + , 
Mg +  or Al 3+  that can play the role of the glass network modifi er. 

 Loewenstein ’ s rules restrict the formation of the glass network in that, when-
ever two tetrahedra are linked by one oxygen bridge, the centre of only one of 
them can be occupied by aluminium, whereas the other centre must be occupied 
by silicon or another small ion of four or more electrovalence, like phosphorus. 
Similarly, whenever two aluminium ions are neighbours to the same oxygen anion 

 TABLE 12.1.     Zachariasen ’ s Rules for Glass Formation (Random Network Theory) 

      1.     Each oxygen atom is linked to no more than two cations  
  2.     The oxygen coordination number of the network cation is small  
  3.     Oxygen polyhedra share only corners and not edges or faces  
  4.     At least three corners of each oxygen polyhedra must be shared in order to form a 3D 

network  
  5.     The samples must contain a high percentage of network cations which are surrounded 

by oxygen tetrahedral of triangles  
  6.     The tetrahedral or triangles share only corners with each other  
  7.     Some oxygens are linked only to two network cations and do not form further bonds 

with any other cations.     

  [19] . 
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at least one of them must have a coordination number higher than four, that is, 
fi ve or six, towards oxygen. The Al/Si ratio plays also an important role in the 
glass composition. The substitution of Si 4+  by Al 3+  can only happen up to a limit of 
1   :   1 ratio, above which aluminium is no longer forced to adopt the tetrahedral 
coordination. All oxygens in the alumino - silicate glass network are bridging 
oxygens (BO). Inclusion of species such as CaO in the glass leads to the develop-
ment of non - bridging oxygens (NBO). Stebbins and Zhu  [21]  reported the trans-
formation of BO to NBO in simple aluminosilicate glass structures. They 
considered that if all Al remains as AlO 4  tetrahedra the new structural unit should 
be a tricluster notated as T in Figure  12.3 .   

 On the other hand, if AlO 5  and AlO 6  are formed, the tricluster oxygen may 
itself behave as an NBO. CaO is considered therefore to be a network modifi er as 
opposed to the network formers silicon and aluminium. However, aluminium can 
easily play both roles adopting a six - fold coordination and forcing the creation of 
sites in the glass structure, where additional oxygen atoms need to be present.  

    Figure 12.2.     Structure of tetrahedral [SiO 4 ] 4 −   with a Si/Al substitution ([AlO 4 ] 5 −  ) yielding a 

negative surplus charge  [74] .  
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  12.5   STRUCTURE OF IONOMER GLASSES 

 The glass compositions that will be described in this section are based mainly on 
the system SiO 2  - Al 2 O 3  - P 2 O 5  - CaO - CaF 2 . The properties of the glasses depend 
directly on the alkali content as well as the aluminium to silicon ratio and the 
fl uorine content. Phosphorus also plays a role in the glass structure as the ratio of 
calcium to phosphorus determines the stoichiometry of the glass referenced to 
that of apatite. The structure of the glass as well as the composition, are very 
important parameters for the setting in glass polyalkenoate cements. 

 E. De Barra, S.G. Griffi n and R.G. Hill  [2, 22, 23]  investigated the role of 
alkali metal ions, phosphate content and Al/Si ratio on the mechanical properties 
of glass polyalkenoate cements. The Al/Si ratio of the studied fl uoro - phospho -
 alumino - silicate glass was not found to have a signifi cant infl uence on the proper-
ties of glass polyalkenoate cements. One explanation is that phosphorus charge 
balances the aluminium within the glass network reducing the number of Al - O - Si 
bonds available for acid hydrolysis. Hill et al.  [22]  introduced another possible 
mechanism for glass hydrolysis that of P - O bonds hydrolysis, especially in the 
case of glasses with high phosphorus content or in the case of glasses that have 
undergone amorphous phase separation. In the case of simple alumino - silicate 
glasses (Figure  12.1 a) the removal of charge balancing cations after the acid 
attack will lead to hydrolysis of Si - O - Al bonds in the glass network and the sub-
sequent formation of a silica gel layer around the remaining glass particles and 
the release of Al 3+  and Ca 2+  available for crosslinking. 

 In the case of phosphorus containing alumino - silicate ionomer glasses on the 
other hand, the lack of alkali earth charge balancing cations because of the pres-
ence of Al - O - P bonds in the glass network will lead only to the release of alu-
minium and phosphorous in the glass network and the formation of a depleted 
glass layer instead. Hydrolysis of Si - O - Al bonds does not occur in this case. It is 
important to note, that it is likely that phosphate groups would compete with 
carboxylate groups for aluminium and calcium ions thereby inhibiting the cross-
linking reaction in the cement matrix (Figure  12.1 b). In the case of low phospho-
rus content the setting and working times were extended, whereas at higher 
content, the compressive strength and Young ’ s modulus of the cement decreased. 
Introducing an alkali ion such as sodium would generally decrease the cement 
properties as sodium ions released from the glass disrupted the crosslinking reac-
tion in the polysalt matrix. However, this would also depend on the cement for-
mulation (powder to polymer liquid ratio) as well as the amount of sodium in the 
glass composition. 

 Most interesting however, is the role of fl uorite in the glass structure and the 
mechanical properties of the resulting polyalkenoate cements  [1, 24, 25] . Figure 
 12.4  illustrates the role of fl uorine in the glass network. Whereas calcium disrupts 
the glass network forming NBO ’ s and charge balancing the charge defi cient AlO 4  
tetrahedra, fl uorine replaces BO ’ s with non - bridging fl uorine, thus facilitating 
melting of the glass at lower temperature and the acid attack during the setting 
reaction in the cement  [12, 26, 27] . Furthermore, addition of fl uorite increases the 
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reactivity of the glasses resulting in shorter working and setting times but leading 
to increased Young ’ s modulus and compressive strength of cements. On the other 
hand, fracture toughness of cements is not infl uenced signifi cantly by the addition 
of fl uorite in the glass composition  [24] .   

 Generally, fl uorine has two major roles in the glass structure. Firstly, it lowers 
the refractive index of the glass and enables a match to the polysalt matrix giving 
rise to optically translucent cements, a property of particular importance for ante-
rior restorations at the front of the mouth, where the appearance of the cement is 
critical and secondly, it results in fl uorine complexes present in the polysalt matrix 
that lead to fl uoride release from the set cement that has a caries inhibitory role. 
Furthermore, Wood and Hill  [28]  observed a signifi cant reduction in the glass 
transition temperature by increasing the fl uorine content in a series of ionomer 
glasses of the composition 2SiO 2  - Al 2 O 3  - (2 - x)CaO - xCaF 2 . The reduction was 
attributed to the replacement of BOs by non - bridging fl uorines reducing the 
network connectivity and allowing network motion at a lower temperature. 
However, recent MAS - NMR (Magic Angle Spinning Nuclear Magnetic Reso-
nance) studies  [29]  showed that the above explanation was only partly true. 

  12.5.1   Structural Characterization of Ionomer Glasses by Solid 
State MAS - NMR Spectroscopy 

 Solid state MAS - NMR spectroscopy is a powerful technique to study the struc-
ture of complex amorphous and crystalline solid materials. For nuclei with spin 
 I    =   1/2, high resolution MAS - NMR spectra allow the observation of narrow lines 
by removing effects of dipolar and chemical shift anisotropies. This provides 
structural information on the local surroundings of nuclei in different environ-
ments. MAS - NMR of abundant quadrupolar nuclei, on the other hand, can 
provide some structural information for complex structures with the analysis of 
the isotropic chemical shift, the quadrupolar interaction, and their respective dis-
tributions. The half - integer spins  I     >    1/2 are subjected to strong quadrupolar inter-
actions among the 2 I  allowed transitions and the central one (+1/2,  − 1/2) is usually 
observed. The broadening of the central transition comes primarily from the 
second - order quadrupole interaction, which is not completely averaged to zero 
by the magic angle spinning (MAS)  [30] . This produces an anisotropic line which 
shape depends on the site symmetry and width on the magnitude of the electric 

    Figure 12.4.     Schematic illustration showing the structural role 

of calcium and fl uorine in ionomer glasses. The calcium ions 

disrupt the glass network forming non - bridging oxygens as well 

as charge balancing charge defi cient AlO 4  tetrahedra. Fluorine 

replaces bridging oxygens and forms non - bridging fl uorines 
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fi eld gradient around the site. In MAS – NMR spectroscopy, the resolution and 
sensitivity when quadrupolar nuclei are studied, is often limited because of the 
inherent distribution of the quadrupolar coupling interactions, PQ, in disordered 
materials. It is well known that most anisotropic interactions to which non - 
quadrupolar nuclei are subject are effectively eliminated by MAS. However, 
MAS alone is incapable of completely narrowing the peaks of half integer quad-
rupolar nuclei such as  27 Al (I   =   5/2). The effect of the second order quadrupolar 
coupling is a broadening of the peak to lower frequency relative to the isotropic 
chemical shift. Therefore, by employing high magnetic fi eld there is an increase in 
Larmor frequency,  ν  0 , which provides greater frequency dispersion in chemical 
shifts and decreases the second order quadrupolar effect on the nuclei  [31] . 

 In the case of ionomer glasses, the useful information obtained from a MAS -
 NMR experiment is mainly information on the coordination states of the ele-
ments in study, the local bonding environment and the information on the next 
nearest neighbours to the elements in study. The authors will refer only to infor-
mation obtained from  27 Al,  31 P,  29 Si and  19 F MAS - NMR experiments. MAS - NMR 
studies  [29]  of a series of glasses based on the composition 2SiO 2  - Al 2 O 3  - (2 - x)
CaO - xCaF 2  showed that the increase in the fl uorine content resulted in the for-
mation of F - Ca(n) species (Figure  12.5 ) around  − 150   ppm where n is the number 
of Ca around a fl uorine atom. These species bonded ionically with only one NBO 
in the glass compared to the fl uorine free glass where Ca 2+  ionically bonded with 
two or possibly more NBOs. Consequently, the glass network became disrupted 
and at high fl uorine contents replacement of NBOs by non - bridging fl uorine 
occurred. In this case aluminium in fi ve -  and six - fold coordination state appeared, 
as reported by Stebbins et al.  [32]  and Stamboulis et al.  [31] , and that can be 
related to the appearance of signifi cant amount of Al - F - Ca(n) species in the  19 F 
MAS - NMR spectra.   

    Figure 12.5.      19 F MAS - NMR spectra for a series of ionomer glasses. Spinning side bands are 

indicated by  •   [35] .  
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 A systematic study of fl uorine containing ionomer glasses by Stamboulis 
and Hill  [29, 33 – 36]  using MAS - NMR spectroscopy gave a lot of information on 
the structural role of fl uorine in these glasses. Various authors proposed in the 
past that fl uorine was present either as fl uorite clusters  [36]  or bound to silicon as 
Si - F  [37]  or, as reported recently  [32, 38 – 43] , bound to aluminium as Al - F type 
species. Hill et al.  [42]  suggested that Si - F bonds were not present in a glass 
composition based on 2SiO 2  - Al 2 O 3  - CaO - CaF 2  but instead fl uorine was bound to 
Al as Al - F rather than being present as CaF 2  clusters. Kohn et al.  [38]  and Zeng 
and Stebbins  [40]  found evidence of the presence of aluminium in fi ve -  and 
six - fold coordination in fl uoro - aluminosilicate glasses but no evidence for the 
presence of Si - F bonds for the specifi c glass compositions. However, they 
concluded that in fl uoro - alumino - silicate glasses the formation of Si - F bonds if 
present could be signifi cant. The latter probably depends strongly on the glass 
composition as well as the fl uorine content. Specifi cally, Stamboulis et al.  [35]  in a 
recent study in glasses of the general composition 4.5SiO 2  - 3Al 2 O 3  - 1.5P 2 O 5  - (5 - x)
CaO - xCaF 2  where  x    =   0 – 3, reported that Si - F - Ca(n) species were clearly present 
in the high fl uorine containing glasses. Figure  12.5  shows the  19 F MAS - NMR 
spectra of the above series of glasses. The lower fl uoride containing glasses 
(LG120 and LG115) showed a peak with two maxima at  − 90 and  − 150   ppm sug-
gesting that fl uoride was preferentially associated with Ca i.e., F - Ca(n) and with 
both calcium and aluminium i.e., Al - F - Ca(n). The higher fl uoride containing 
glasses LG26, LG96 and LG99 with  x    =   2.0, 2.4 and 3, respectively, showed the 
formation of an additional peak at  − 125   ppm that increased in intensity with 
increasing fl uoride content. 

 Zeng and Stebbins  [40]  had reported that in fl uoro - alumino - silicates a signal 
from Si - F - Ca(n) groups could occur in the range of  − 123.4 to 134.5   ppm. There-
fore, it is possible that in low fl uoride containing glasses, the Si - F - Ca(n) species 
could be present in small amounts but could be largely hidden by overlapping 
peaks. On the other hand, high fl uorine containing glasses showed clearly that 
Si - F - Ca(n) species increased signifi cantly with fl uorine content. Similar glasses 
based on the composition 2SiO 2  - Al 2 O 3  - (2 - x)CaO - xCaF 2  were studied by 
Stamboulis et al.  [29]  and the  19 F MAS - NMR spectra showed two peaks at  − 150 
and  − 90   ppm attributed to Al - F - Ca(n) and F - Ca(n) species, respectively. There 
was no evidence of any Si - F - Ca(n) species present even at high fl uoride contents 
(Figure  12.6 ). In all glasses however, it was observed that Al - F - Ca(n) species 
increased with fl uoride content.   

 Figure  12.7  shows the relative proportion of four -  Al(IV), fi ve -  Al(V) and six -  
Al(VI) fold coordinated aluminium as a function of fl uoride content in a series of 
glasses based on the composition 4.5SiO 2  - 3Al 2 O 3  - 1.5P 2 O 5  - (5 - x)CaO - xCaF 2 .   

 It is worth noticing that the proportion of Al(IV) decreased linearly with 
fl uoride content of the glass, whereas the proportion of Al(V) increased with fl uo-
ride content up to  x    =   1 and was almost kept constant between  x    =   1 and 3, but the 
proportion of Al(VI) increased with higher fl uoride contents ( x     ≥    1). The peaks 
corresponding to both Al(IV) and Al(VI) in the  27 Al MAS - NMR spectra (Figure 
 12.8 ) shifted slightly to a more negative direction with increasing fl uoride content 
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    Figure 12.6.      19 F MAS - NMR spectra of alumino - silicate glasses of the composition 2SiO 2  - Al 2 O 3  -

 (2 - x)CaO - xCaF 2 ; LG33 ( X    =   0.25), LG34 ( X    =   0.5), LG35 ( X    =   1.0) and heat treated LG35 (LG35HT) 

(spinning side bands are marked as  • )  [29] .  

ppm 

LG35HT

LG35

LG34

LG33

19F

0 –50 –100 –150 –200

    Figure 12.7.     Relative proportion of Al(IV), Al(V) and Al(VI) as a function of fl uoride content 

in the ionomer glasses  [35] .  
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but there was no effect from the presence of fl uoride on the peak position of 
Al(IV) species at low fl uoride contents. 

 At high fl uoride contents ( x     >    0.5), there was signifi cant infl uence of fl uoride 
on the peak position and a consistent reduction in the peak values corresponding 
to Al(VI). Similar reduction was observed in 2SiO 2  - Al 2 O 3  - (2 − x)CaO - xCaF 2  
glasses providing evidence to support the existence of Al - F bonds being present 
in both Al(IV) and Al(VI) species. It was suggested by Stamboulis et al.  [35]  that 
the aluminium species in a series of glasses based on the composition 4.5SiO 2  -
 3Al 2 O 3  - 1.5P 2 O 5  - (5 - x)CaO - xCaF 2  can be represented by [AlO x F y ] n −   where  x    =   3 - 6, 
 y    =   6 -  x  and  n    =   charge of the total complex with Al(IV), Al(V) and Al(VI) present. 
These species had previously been postulated by Youngman et al.  [43]  by  19 F -  27 Al 
cross - polarisation. However, since Al(V) and Al(VI) were present in small quan-
tities within the glass in study, the dominant species should be [AlO 3 F]  −  . On the 
other hand, the formation of Al(V) and Al(VI) at high fl uorine contents might 
not be due only to the presence of Al - F complexes but also due to the fact that the 
presence of fl uoride limited the ability of calcium to perform its charge balancing 
functions within the glass compositions as a result of forming F - Ca(n) type species. 
Therefore, there might be insuffi cient Ca 2+  and F - Ca +  to charge balance alumin-
ium and maintain it in four - fold coordination and consequently aluminium will 
take higher coordination states. However, there was no evidence that calcium was 
coordinated entirely by fl uorine but in the contrary calcium might be still also 
involved with NBOs and other oxygen species. In addition, it is worth noticing 
that the glass preparation involved quenching, which may had resulted in struc-
tures present in the melt to  “ freeze. ”  Often, in the melt aluminium takes higher 
than four coordination states and it is possible that Al(V) and Al(VI) were 
 “ frozen ”  during glass quenching. Another explanation for the presence of higher 
than four - fold coordinated aluminium species in the glasses might be the observa-
tion by Kirkpatrick and Brow  [44]  that in Na - alumino - silicate glasses with Al/P 
ratio  < 1, the aluminium speciation was mostly IV and VI. The Al/P ratio might 
play a role on the aluminium speciation, however, in the glass compositions 
studied by Stamboulis and Hill the Al/P ratio was  > 1.     

    Figure 12.8.     Al(IV) and Al(VI) peak positions plotted as a function of fl uoride content in the 

glass  [35] .  
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  12.6   CRYSTALLIZATION OF IONOMER GLASSES 

 Another interesting aspect in the characterisation of ionomer glasses is the study 
of the crystallisation mechanism. Ionomer glasses have been studied for applica-
tions as bone substitutes in both orthopaedic and dental fi elds. The resulting glass 
ceramics exhibit excellent mechanical properties and good osteo - conductivity 
 [45 – 50] . 

 The exact amount of fl uorite in an ionomer glass composition has a dramatic 
effect on the nucleation and the crystallisation behaviour of the glasses. This 
effect is not only a result of the stoichiometric considerations of crystal formation 
but also of the network disrupting role of fl uorine within the glass network. Addi-
tion of fl uorite, whilst not altering the basicity of the glass, leads to increased dis-
ruption of the glass network and other effects as mentioned above. An interesting 
composition is the apatite stoichiometric composition where Ca/P   =   1.67 and par-
ticularly the resulting glass - ceramics after appropriate heat treatments, which 
crystallise to two main phases: apatite and mullite. Apatite – mullite glass - ceramics 
based on SiO 2  - Al 2 O 3  - P 2 O 5  - CaO - CaF 2  glasses were developed by Hill and co -
 workers  [10, 11, 51] . The glasses based on the general composition 4.5SiO 2  - 3Al 2 O 3  -
 1.5P 2 O 5  - (5 - x)CaO - xCaF 2  where  x  is between zero and three, crystallised to 
fl uorapatite (FAP) and mullite on appropriate heat treatments. Both the apatite 
and mullite phases had a needle like habit and interlocked with each other giving 
rise to high fracture toughness values. Differential scanning calorimetry (DSC) 
and X - ray diffraction analysis  [11]  showed two crystallisation temperatures that 
decreased with CaF 2  content and corresponded to Ca 5 (PO 4 ) 3 F (fl uorapatite, 
FAP) and 3Al 2 O 3  - 2SiO 2  (mullite) phases, respectively, while the fl uorine free 
glass exhibited two crystallisation temperatures corresponded to  β  - Ca 3 (PO 4 ) 2  ( β  -
 calcium phosphate) and CaAl 2 Si 2 O 8  (anorthite), respectively. MAS - NMR was 
used successfully in the past to characterise phosphorus containing alumino - 
silicate glasses as well as their crystallisation process  [51 – 57] . Stamboulis, Hill and 
Law used multinuclear  27 Al,  29 Si,  31 P and  19 F MAS - NMR experiments in order to 
characterise the crystallisation process of glass ceramics based on 4.5SiO 2  - 3Al 2 O 3  -
 1.5P 2 O 5  - (5 - x)CaO - xCaF 2 . 

 The mechanism of apatite crystal nucleation in these glass - ceramics was 
thought to occur as a result of prior  amorphous phase separation  (APS) or  glass -
 in - glass phase separation . The amorphous phase separation has been under 
investigation for many years for different glass systems. Glass often appears 
homogeneous but if one looks closer on the glass microstructure on a scale of a 
few hundred atoms, glass is not as homogeneous as a perfect crystal or a liquid 
solution. There are two processes leading to the development of inhomogeneous 
glass microstructure. The fi rst one is the crystallisation or devitrifi cation, where 
defi nite crystals nucleate and grow from a supercooled liquid mass and the second 
one is based on the theory that crystallites are not microcrystals but they possess 
distorted lattices and have defi nite chemical composition that is determined by 
the phase equilibrium diagram of the glass composition. In the simplest situation, 
the glass is considered to be a liquid that undergoes demixing as it cools. If the two 
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phases are liquid, then the phase separation is called liquid - liquid immiscibility. 
The immiscibility can be stable or metastable, depending on whether the phase 
separation occurs at temperatures above the liquidus or below the liquidus, 
respectively. This metastable immiscibility is of great interest. There are two routes 
that lead to the formation of discrete phases by a metastable phase separation; the 
nucleation and growth mechanism  [19, 58 – 61]  and the spinodal decomposition 
 [19, 60, 62] . Figure  12.9  shows the microstructure of a) a soda lime silica glass 
heated at 740    ° C for 7.25   h showing nucleated droplet phase separation and b) a 
 “ Vycor ”  glass heated at 700    ° C for 5.5 hours showing spinodal decomposition  [60] . 

 The differences between these two processes are clear. During the nucleation 
and growth mechanism the second phase composition does not change with time 
at constant temperature, the interface between phases retains the degree of 
sharpness during growth, the particle sizes and positions are randomly distributed 
and the second phase consists of spherical particles with very low connectivity. On 
the other hand, during spinodal decomposition, there is a variation of phase com-
positions with time until equilibrium compositions are reached, the interface 
between phases is diffuse and eventually sharpens, the second phase distribution 
is regular and characterised by geometric spacing and the second phase consists 
of non - spherical particles with high connectivity  [60] .   

 The view that crystallisation occurs via prior amorphous phase separation 
(APS) in ionomer glasses is evidenced by the optimum nucleation temperatures 
being close to the experimentally determined glass transition temperatures and 
the presence of two loss peaks in dynamic mechanical thermal analysis experi-
ments on nucleated (phase separated) glasses  [63] . The two loss peaks were 
thought to correspond to two different glass transition temperatures associated 

    Figure 12.9.     Microstructure of (a) soda lime silica glass heated at 740    ° C for 7.25   h(14,000 × ) 

showing nucleated droplet phase separation, and (b)  “ Vycor ”  glass heated at 700    ° C for 

5.5   h(24,000 × ) showing spinodal decomposition  [60] .  

(a) (b)
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with the two glass phases present. One phase was calcium, phosphate and fl uoride 
rich and crystallised to FAP and the other phase was aluminium and silicon rich 
and crystallised to mullite. Rafferty et al.  [64]  reported that the ionomer glasses 
studied showed the presence of sparse droplets (20 – 100   nm) dispersed in a matrix. 
The second phase droplets were spherical with clear interfaces, distributed ran-
domly with no obvious connectivity, suggesting a phase separation mechanism 
involving nucleation and growth. The matrix, on the other hand, looked speckled. 
According to James  [65] , for some glass systems, the effective spinodal boundary 
may be depressed at low temperatures and the samples have to traverse a nucle-
ation region before reaching the spinodal. The speckled matrix might occur 
because of the fi ne APS within the spinodal. Evidence of an APS mechanism that 
involved both prior nucleation and spinodal decomposition came later in time 
when Hill et al.  [66]  reported that a FAP glass – ceramic studied by a real - time 
small angle neutron scattering exhibited two characteristic scales of phase separa-
tion and underwent APS. Isothermal small angle neutron scattering (SANS) 
studies at 740 and 750    ° C showed the same phenomena but without any change in 
the scattering after 30 and 12 minutes, respectively. This observation lead to the 
suggestion that further phase separation and crystal growth were restricted by the 
high glass transition temperature of the second glass phase. Figure  12.10  shows 
the schematic representation of the above suggestion on sub - micro - scale, where 
the size of FAP crystals was correlated with the size of the droplet phase suggest-
ing, that FAP crystals did not grow beyond the boundaries of the droplet phase 
until the higher glass transition temperature of the second phase was reached. 
The above is important as similar ideas could be applied for glasses that could 
undergo APS on a nano - meter scale.   

 Real time neutron diffraction studies showed that crystallisation of FAP in 
ionomer glasses occurred fi rst, followed by crystallisation of both FAP and mullite. 
Dissolution at higher temperatures and re - crystallisation during cooling occurred 
(Figure  12.10 ). The results showed that the volume fraction of FAP decreased 
during holding at 1200    ° C and then FAP re - crystallised on cooling, suggesting that 

    Figure 12.10.     Schematic of FAP crystal growth being inhibited by the droplet size. The size 

of FAP crystals is correlated with the size of the droplet phase, suggesting that FAP crystals do 

not grow beyond the boundaries of the droplet phase until the glass transition temperature 

of the second phase is reached  [66] .  

FAP Crystals

Ca, F + P 
Rich Glass
Phase

Al+Si Rich 
Glass Phase
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the mechanism of coarsening of FAP involved dissolution of the small crystals 
and re - crystallisation of FAP on the remaining coarse crystallites. The mecha-
nism, however, should have been controlled by the composition phase diagram 
and not the thermodynamic drive to reduce the surface energy. 

 Multinuclear MAS - NMR analysis in the ionomer glass - ceramics  [67]  verifi ed 
APS occurring in the glass during heat treatments at three temperatures; the fi rst 
crystallisation temperature Tp1, the second crystallisation temperature Tp2 and 
an intermediate temperature (Tp1   +   Tp2)/2 half way between Tp1 and Tp2. As 
mentioned above,  27 Al MAS - NMR spectra showed, that Al(V) and Al(VI) were 
present in the glasses with increasing fl uoride content. By heat treating the glasses, 
the above aluminium species disappeared and appeared again during crystallisa-
tion at Tp2. A typical example is shown in Figure  12.11  for a glass composition 
based on 4.5SiO 2  - 3Al 2 O 3  - 1.5P 2 O 5  - (5 - x)CaO - xCaF 2  ( x    =   2) that was heat treated 
at Tp1, Tp(1   +   2)/2 and Tp2. The small Al(VI) peak, that appeared in the original 
glass decreased signifi cantly with heat treatments and increased again when the 
glass was heat treated at Tp2.   

 A small but distinct peak appeared at about 39   ppm assigned by Dollase et al. 
to crystalline AlPO 4   [68] .  19 F MAS - NMR analysis showed that the two peaks in 
the original glass, that corresponded to F - Ca(n) species and Al - F - Ca(n) species 
decreased signifi cantly with heat treatments (Figure  12.12 ). 

 Specifi cally, the F - Ca(n) species disappeared already during heat treatment 
at Tp1, indicating a contribution of F - Ca(n) to the formation of F - Ca(3) species, 
that correspond to crystalline FAP and appeared at ca  - 103   ppm. On the other 
hand, the Al - F - Ca(n) species decreased with heat treatments but they were 
present in the residual glass even at heat treatments to Tp2. Most of the Al - F -

    Figure 12.11.      27 Al MAS NMR spectra of 4.5SiO 2  - 3Al 2 O 3  - 1.5P 2 O 5  - (5 - x)CaO - xCaF 2  glass composi-

tion, where  x    =   2; LG26 and LG26 heated treated to Tp1, Tp(1   +   2)/2 and Tp2  [67] .  
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    Figure 12.12.      19 F MAS - NMR spectra of some glasses based on 4.5SiO 2  - 3Al 2 O 3  - 1.5P 2 O 5  - (5 - x)

CaO - xCaF 2 ; A) LG120( x    =   0.5), B) LG26( x    =   2) and C) LG99( z    =   3.0) heat treated to Tp1, Tp(1   +   2)/2 

and Tp2  [67] .  
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 Ca(n) species corresponded to Al(IV) species; however, an increase in Al(VI) at 
Tp2 indicated that there was an aluminium - silicon reach phase attributed to 
mullite, considering that in  29 Si MAS - NMR spectra the change of the chemical 
shift of the crystalline glass at Tp2 was due to the mullite formation of which alu-
minium is present as Al(VI).    

  12.7   CATION SUBSTITUTION IN IONOMER GLASSES 

 Often in dental and medical applications radiopacity is a very important aspect 
for materials selection. In glass polyalkenoate cements, the ionomer glasses used 
often contain strontium as a radiopaque agent  [69] . Strontium has an ionic radius 
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of 1.16   nm, close enough to that of calcium 0.94   nm and therefore, strontium can 
be substituted for calcium. Strontium not only can be substituted for calcium in 
the glass structure, but also in apatite structures. Solid solution of mixed calcium 
strontium hydroxyapatite and pure strontium hydroxyapatite were reported and 
produced from aqueous solutions  [70] . Hill et al.  [69] , investigated the infl uence 
of substituting strontium for calcium on the structure and the nucleation and crys-
tallisation behaviour of an apatite stoichiometric ionomer glass based on similar 
series of glasses as above.  27 Al MAS - NMR spectroscopy showed that the usual 
aluminium species present in a calcium glass were replaced by F - Sr(n) and Al - F -
 Sr(n) species in the strontium glass and mixed species in a calcium - strontium 
glass. But as expected, there was only a little infl uence on the glass structure. Sig-
nifi cant infl uence of the substitution was observed, however, on the nucleation 
and crystallisation behaviour of strontium and mixed calcium - strontium glasses. 
Replacement of calcium by strontium promoted surface crystallisation of the 
apatite phase. Low strontium substitution resulted in a calcium fl uorapatite phase 
being formed fi rst, whereas higher strontium substitution resulted in a mixed 
calcium/strontium fl uorapatite. Also, strontium substitution resulted in the for-
mation of an anorthite phase instead of the mullite phase at Tp2. The crystallisa-
tion of anorthite was the result in the reduction in quantity of the apatite phase 
leaving increased quantities of calcium that subsequently would form anorthite. 
In the 100% strontium substituted glass the fi rst phase was as expected pure 
strontium fl uorapatite but the second phase was not an anorthite. XRD analysis 
gave a peak at about 7.5    °  2 theta, which at the time was not identifi ed  [69] . 
However, further studies revealed that the second phase in the strontium ionomer 
glass was indeed a Sr - feldspar phase (SrAl 2 Si 2 O 8 ) most probably Sr - hexacelcian 
 [71] . Generally, two main changes were observed in the strontium substituted 
glasses: strontium hindered apatite formation and inhibited bulk nucleation. The 
observed changes could be possibly attributed to the lower lattice energy of 
strontium fl uorapatite as well as the possibility that strontium might have sup-
pressed the amorphous phase separation (APS) that was observed in the calcium 
ionomer glasses  [63] . 

 A whole series of cation substitutions in the above ionomer glasses are being 
studied including Mg and Ba cation substitutions. The general observation is that 
the effect of cations on the structure and crystallisation of the ionomer glasses is 
strongly connected with the size of the cation. In Ba - substituted glasses, for 
example, the substitution did not seem to have a strong infl uence in the silicon 
and phosphorous environment of the glass. FTIR studies showed, however that 
Ba substitution can lead to a lower inter - tetrahedral angle in Si - O - Si and a less 
strained glass network  [72] . The crystallisation process of the glasses is strongly 
infl uenced by the barium substitution; in low barium contents the main phases 
are calcium fl uorapatite, mullite and some mixed barium - calcium fl uorapatite, 
whereas in high barium contents, there is no fl uorapatite forming but mostly a 
barium aluminosilicate phase together with crystalline BaPO 4   [73] . A lot more 
attention should be given to the cation substitution as morphologies and conse-
quently the properties of ionomer glasses change.  
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  12.8   CONCLUSIONS AND FUTURE PERSPECTIVES 

 There is a lot of work to be done in order to fully understand the structure and the 
mechanisms of glass formation and crystallisation in ionomer glasses. MAS - NMR 
spectroscopy has proved to be a powerful tool to elucidate the structure in these 
materials; however, other complimentary techniques should be used. Ionomer 
glasses have been used extensively in dental fi lling materials as glass fi llers in glass 
ionomer cements and resin composites. However, the potential of the glasses has 
not yet been fully reached. Ionomer glass ceramics show good biocompatibility 
and bioconductivity and could potentially be used as bone substitutes for bone 
fi xation. They also exhibit good mechanical properties and with some composi-
tions the machinability of materials is excellent. The structural investigations as 
well as the crystallisation studies showed that certain compositions of fl uorine 
containing ionomer glasses have the capability of being crystallised into a fl uor-
apatite phase in the nanoscale leaving the material optically clear. This should be 
a very useful property for optoelectronics. On the other hand, the continuous 
development of new materials for dental applications refl ects the need of new 
glass compositions. There is, therefore, a large scope for research and develop-
ment in the area of ionomer glasses.  
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  13.1   OVERVIEW 

 The currently available approaches for the treatment of organ and tissue loss 
include organ transplantation, surgical reconstruction, and implantation of syn-
thetic devices that can perform the functions of the damaged organs. Shortcom-
ings of the aforementioned methods such as donor site morbidity, limited tissue 
availability, and immune rejection have led to the development of alternate strat-
egies such as tissue engineering. Tissue engineering strategies generally involve 
the use of biodegradable scaffolds as a transient extracellular matrix (ECM), cells 
and growth factors to create functional tissue replacements. Biomimetics of the 
extracellular matrix involve the development of fi bers that have diameters in the 
micrometer to nanometer range to match the collagen fi bers, and glycosamino-
glycans/proteoglycans present in the natural milieu of tissue. Of the various tech-
niques used for the synthesis of micro/nanofi brous scaffolds, electrospinning has 
emerged as a simple and robust method. This chapter discusses the different tech-
niques used for the synthesis of electrospun nanofi bers, polymeric materials that 
have been used to synthesize nanofi bers using electrospinning, as well as their 
applications as scaffolds in musculo - skeletal tissue engineering.  

  13.2   INTRODUCTION 

  13.2.1   Rationale for Tissue Engineering 

 The human body is robust and elegant machinery whose maintenance is a con-
tinuous effort primarily in the form of repair processes. With ageing, the repair 
processes reduce and thereby lead to gradual wear of tissue. However, tissue 
loss/damage mostly occurs due to other reasons, such as trauma and disease. 
Current treatment options for tissue loss include drug therapy, artifi cial implants, 
and organ transplantation. Drugs can relieve patients from pain and can poten-
tially help in the healing process. However, the drug treatment is often symptom-
atic and hence temporary, and at best can be used to enhance damaged tissue 
repair when tissue loss is not signifi cant. In the event that tissue loss is substantial, 
treatment turns to tissue replacement strategies. The current approaches for 
organ or tissue replacement include tissue grafting from one site of the patient ’ s 
body to another (autograft); from a donor of the same species (allograft), or; 
from donor of another species (xenograft)  [1,2] . Although these therapeutic 
modalities can potentially improve the quality of human life, they are still limited 
by certain complications and shortcomings. For example, use of autografts is asso-
ciated with donor site morbidity and limited tissue availability, whereas allografts 
pose the risk of disease transfer. Xenografts, though available in suffi cient quanti-
ties, are associated with problems of humoral rejection and transfer of diseases of 
animal origin, specifi cally animal viruses  [2] . Other strategies involving artifi cial 
implants have several shortcomings, such as the potential to evoke adverse 
immune response, structural failure over a period of time, and compromised 
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physiological activity of the native tissue  [3] . Therefore, there is a need for alter-
native strategies to overcome the shortcomings associated with the aforemen-
tioned approaches  [3] . 

 Tissue engineering has emerged as a potential approach to overcome the 
shortage of tissues and organs by combining a biodegradable scaffold [as a 
temporary extracellular matrix (ECM)] and cells to create functional tissue 
replacements. Tissue engineering  [3]  has been defi ned as:  “ The application of the 
principles and methods of engineering and life sciences toward the fundamental 
understanding of structure - function relationships in normal and pathological 
mammalian tissue and the development of biological substitutes to restore, main-
tain, or improve tissue function  [4,5] . ”  

 The development of a biological substitute for the restoration of tissue func-
tion can involve multiple steps. The major stages involved in any tissue engineer-
ing approach can be classifi ed as: 

  (1)     Identifi cation and isolation of a suitable source of cells;  
  (2)      in vitro  or  ex - vivo  expansion of cells to generate appropriate numbers;  
  (3)      design of a scaffold/device to either carry cells and/or encapsulate growth 

factors (GFs);  
  (4)     uniform seeding of cells onto or into the scaffold/device;  
  (5)     appropriate culture of the seeded cells; followed by  
  (6)      in vivo  implantation of the engineered construct  [6]  (Figure  13.1 ).      

 Thus cells and scaffolds, with or without growth factors, together hold a 
promise for both  in vitro  regeneration of neo - tissue and  in vivo  regeneration of 
damaged tissue. Functional restoration for a large number of tissues is currently 
under investigation. Of these, the musculoskeletal tissues such as bone, cartilage, 
muscle and tendon have received increased attention  [7] . 

 All tissues/organs consist of tissue specifi c cells which are present in a well -
 defi ned manner within a complex structural and functional network of molecules 
that form the extracellular matrix. The variation in ECM composition and con-
tents along with the respective cell type governs the diverse properties and func-
tion of each tissue and organ  [8] . In addition, ECM is also a key component during 
dynamic events of tissue such as growth, development, repair, and regeneration. 
It acts as a reservoir for signaling molecules, which in turn have the potential to 
guide cell fate processes. Therefore, cells and ECM molecules along with GFs can 
be considered as the most important components for tissue regeneration. 

 One can follow two strategies for tissue repair or regeneration: First, cell -
 based therapy, wherein desired cell types can be injected directly into the defect 
site, and, second, scaffold - based tissue regeneration wherein a scaffold (artifi cial 
ECM) in combination with cells and/or GFs is used for tissue regeneration  [9] . 
Cell therapy has played an important role in tissue repair including autolog-
ous chondrocyte implantation (ACI), and the commercially available carticel 
 [10,11,12] . However, tissues have three - dimensional (3D) structure that prompts 
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the use of a guiding template and framework (scaffold) to facilitate 3D cell 
growth. Thus, in the second approach, cells are expanded in culture, seeded onto 
a guiding framework and allowed to grow and eventually re - implanted in the host 
 [9] . Herein the guiding framework or the scaffold is a critical component as all 
human cells grow in a planer fashion in two - dimensional culture, whereas on a 
scaffold (that is, on a 3D structure) they will tend to grow to the shape of the scaf-
fold, thereby providing the essential three dimensionality to the tissue.  

  13.2.2   Importance of Scaffolds in Tissue Engineering 

 One of the central objectives of tissue engineering is to create a 3D structure that 
can mimic the native ECM until cells seeded within the scaffold synthesize 
 de novo  ECM. This 3D structure acts as a template for cell attachment and tissue 
development. The ECM - mimicking scaffolds are normally constructed out of bio-
materials  [13]  that could be synthetic, such as ceramics, and polymers or natural 
materials, such as proteins and carbohydrates (see section on synthetic and 

    Figure 13.1.     Important stages in tissue engineering.  
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natural polymers for more details) [14] . In order for the cells to experience a 
native environment, the synthetic scaffold must comply with specifi c require-
ments in terms of physical (including 3D architecture), chemical, mechanical and 
surface properties. Some of the desirable characteristics of a scaffold include 
 [15,16] : 

  1.     The material used to synthesize scaffolds should be biodegradable and the 
rate of degradation should be coupled to rate of tissue regeneration.  

  2.     Both the bulk biomaterial and its degradation products should be non -
 toxic (biocompatible) and the degradation products should preferably be 
metabolized in the body.  

  3.     The scaffold should have high surface area - to - volume ratio to enable max-
imal cell seeding.  

  4.     The scaffold should be porous so as to permit the migration of cells in all 
three dimensions.  

  5.     The pores should be interconnected, with a pore network that enables 
appropriate transport of nutrients, metabolites and regulatory molecules 
to and from the cells within the matrix.  

  6.     The material must meet the mechanical requirements of the tissue at the 
site of implantation.  

  7.     The 3D scaffold should be physically and chemically stable and easy to 
sterilize.  

  8.     The scaffold should possess the ability to carry bioactive molecules such 
as growth factors and deliver the same at an appropriate rate at the site of 
interest.  

  9.     The scaffold should have a physicochemical structure that promotes cell 
fate processes such as cell adhesion and migration.    

 Practically, it would be very diffi cult to meet all the aforementioned criteria 
for scaffold design. Therefore, the approach most often followed is to achieve as 
many criteria as is essential/detrimental for a specifi c application. The choice of 
technique for scaffold fabrication depends on the application, the type of bioma-
terial used for scaffold synthesis, and the environment in which the scaffold would 
be implanted. 

 The behavior of cells seeded on a scaffold is infl uenced by the chemical  [17]  
as well as the physical properties of a scaffold  [18,19,20] . The chemical properties 
of the scaffold majorly control the biocompatibility and biodegradability of the 
scaffold. Chemical properties and hence biodegradation/biocompatibility can be 
modulated by using a combination of synthetic and natural polymers  [21] . On the 
other hand, the infl uence of physical properties of scaffold on cell behavior has 
not been extensively studied. Several studies evaluating the importance of geom-
etry of a scaffold in the regulation of cell fate behavior have been reported 
recently  [22,23,24] . Cells behave differently when cultured on a 3D scaffold than 
on a 2D (two dimensional) substrate. For example, chondrocytes maintain their 



442 DESIGNING NANOFIBROUS SCAFFOLDS FOR TISSUE ENGINEERING

phenotype when cultured on a 3D scaffold, but dedifferentiate to a fi broblastic 
cell type when cultured on a 2D substrate  [25] . This provides a rationale for fab-
rication of scaffolds with 3D architecture, adequate porosity, and interconnectiv-
ity of pores. A potential constraint of using a 3D scaffold could be limited diffusion 
of nutrients and gases  [26] . This can potentially be overcome by providing dynamic 
culture conditions to cells. Use of bioreactors can provide physiological levels of 
nutrient media transport, and mechanical stimuli for improved cell growth during 
construct development  [26,27] . 

  13.2.2.1   Infl uence of Nanometer Scale Features of Scaffolds in Tissue 
Engineering.     The topography of the scaffolding surface plays an important role 
in terms of cell behavior  [28] . Previous studies have already demonstrated the 
response of cells to micrometer range topographies such as grooves/ridges  [29,30]  
and their ability to distinguish between different topographies  [31] . The fi bers 
present in the ECM and basal lamina possess diameter in the nanometer scale. 
One of the approaches for scaffold design is a biomimetic approach wherein the 
incorporation of nanoscale features in the scaffold architecture provide for close-
ness to the native environment  [32] . It has been demonstrated that nanoscale 
features support better cell growth/response as compared to microscale surface 
features  [33,34] . In connective tissue, the structural protein fi bers, such as colla-
gen, are the building blocks of natural ECM and they have a hierarchical struc-
ture with the fi ber diameters ranging from 50 – 500   nm  [35] . Since cells are 
accustomed to nanometer scale topographies present in the native ECM, the 
design strategies of scaffolds have recently involved mimicking these nanoscale 
features of ECM component  [36] . 

 Several studies have demonstrated that incorporation of nanoscale features 
in the scaffold elicit diverse cell behavior, ranging from changes in cell adhesion, 
cell motility, cell orientation to surface arrangement of cytoskeleton components 
 [37,38] . The changes are even seen at the transcriptional level, as there is modula-
tion in the intracellular signaling pathways that regulate cell activity and gene 
expression  [39,40] . There is always an exchange of information between ECM, 
cytoskeleton and nucleus. Soluble mediators bind to integrin receptors on the cell 
surface which in turn stimulates the receptor mediated signaling, including the 
activation of kinase pathway, lipid pathway and specifi cally Rho GTPases, Rho, 
Rac, and Cdc42  [37,41] . Studies conducted in the past have demonstrated that the 
cells retained their morphology and shape on nanofi ber matrices and there was a 
comparative increase in the production of ECM components by the cells  [39,42] . 
Thus, for tissue engineering, the need is to mimic the native ECM at nanoscale in 
order to recapitulate the organization and function of native tissue.    

  13.3   METHODS OF NANOFIBROUS SCAFFOLD SYNTHESIS 

 Several novel fabrication techniques have been developed to process biodegrad-
able and bioresorbable materials into 3D polymeric scaffolds  [43] . Fiber bonding 
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 [44] , solvent casting and particulate leaching  [45] , membrane lamination  [46] , 
melt molding  [47] ,  in - situ  polymerization  [48] , freeze drying  [49] , gas - foaming 
processing  [50] , extrusion  [51] , 3D printing  [52]  and polymer foams  [53]  are some 
of the techniques that have been explored for the synthesis of a porous 3D scaf-
fold. As stated earlier, ECM is composed of nanoscale components that provide 
structure as well as guidance to cells. Thus, tissue engineers desire to develop 
nanofi ber - based scaffolds that would essentially mimic the native ECM and 
favor the cell fate processes in the direction of tissue development/regeneration. 
Fibrous scaffolds have been synthesized by three methods, namely: self assembly, 
phase separation, and electrospinning. These three methods offer nanoscale 
dimensions in fi brous form along with the architecture that have potential to be 
used as an artifi cial ECM  [54] . 

 This section will briefl y describe self assembly and phase separation tech-
niques and will focus on electrospinning and its applications in tissue engineering. 

  13.3.1   Self Assembly 

 Also known as self organization, self assembly is the reversible process of forma-
tion of structured patterns from components of a pre - existing system that are not 
associated with structure/order  [55] . The native ECM or the cellular microenvi-
ronment not only provides physical support but also provides ligands for cell 
attachment thereby facilitating cell fate processes such as cell adhesion, migration 
and differentiation  [36] . Self assembly can be used to create scaffolds with well -
 defi ned 3D architecture at the nanometer scale to facilitate cell adhesion, conse-
quential function and hence tissue regeneration  [56] . Self assembly has been 
reported in multiple natural processes, such as during nucleic acid synthesis and 
protein synthesis, with these assembles mostly being governed by non - covalent 
interactions, such as ionic, Van der Waals, and hydrophobic interactions, as well as 
hydrogen bonds  [57] . Taking cues from these natural processes, Hartgerink et al. 
reported the self assembly of peptide - amphiphiles [PA] for the formation of 
nanofi bers. They demonstrated the mineralization of hydroxyapatite directed by 
self - assembled collagen fi bers, thereby mimicking the hierarchical structure of 
bone. In their studies, the alkyl chain length and peptide amino acid composition 
was varied to allow for the synthesis of nanofi bers with varying morphology, 
surface chemistry and bioactivity  [58,59]  (Figure  13.2 ). Further, Hosseinkhani 
et al. reported the synthesis of hepatocyte growth factor (HGF) - loaded, self -
 assembled PA nanofi bers. Their results demonstrated enhanced vascularization in 
mice models following the subcutaneous injection of PA along with HGF, which 
was due to sustained release of the growth factor, as compared to the positive 
control (HGF only)  [60] .   

 An advantage associated with the process of self assembly is that it can be 
performed under physiological conditions without the usage of any harmful 
organic solvents, thereby making the technique more amicable for  in vivo  appli-
cations. Despite the ability to synthesize fi bers having diameters in the nanometer 
scale, the process of self assembly remains a relatively complicated process and is 



444 DESIGNING NANOFIBROUS SCAFFOLDS FOR TISSUE ENGINEERING

still limited by low productivity  [61] . Further, the process is limited to the use of 
components of peptide origin only.  

  13.3.2   Phase Separation 

 Another method that has been used for the synthesis of nanofi brous scaffolds is 
phase separation  [62] . This technique encompasses the following steps: 

  1.     In this method, the polymer of interest is fi rst mixed with a solvent.  
  2.     The mixture is then allowed to undergo gelation (phase separation) at low 

temperatures.  
  3.     The solvent is then extracted by immersing the gel into water, leaving 

behind pores in the gel.  
  4.     The gel is then frozen.  
  5.     It is then freeze - dried under a vacuum to obtain a porous nanofi brous 

structure.    

 Gelation plays a critical role in the formation of fi brillar matrix structure. 
Further, gelation temperature also controls the porous morphology of the matrix. 

    Figure 13.2.     Tranmission Electron Micrograph of nanofi bers synthesized by self assembly 

of peptide amphiphiles (negatively stained with phosphotungstic acid.)  Reprinted from 

Hartgerink JD, Beniash E, Stupp SI. Peptide - amphiphile nanofi bers: A versatile scaffold for the 

preparation of self - assembling materials. Proc Nat Acad Sci 2002;99(8):5133 – 5138. Copyright  ©  

2002 National Academy of Sciences. USA. Reprinted with permission of the National Academy 

of Sciences, USA.   

(a)
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Nanofi brous poly(L - lactic acid) (PLLA)] scaffolds with high porosity (98.5%) 
have been synthesized by Ma and Zhang  [62]  (Figure  13.3 ). They demonstrated 
the gelation behavior of PLLA in different solvents as well as at variable tem-
peratures; with gelation occurring readily in tetrahydrofuran (THF) and below 
17    ° C and platelet like structure at higher temperatures due to crystal nucleation 
and growth process. In another study, Hua et al. synthesized PLLA scaffolds with 
an interconnected porous structure by liquid - liquid phase separation of ternary 
PLLA - water - dioxane solution  [63] . The synthesized scaffolds resulted in effective 
cell penetration and demonstrated potential in cartilage tissue engineering. Yang 
et al. synthesized highly porous and fi brous PLLA matrices  [64]  that resembled 
the natural ECM in the body with fi ber diameter ranging from 50 nanometer(nm) 
to 350   nm. They demonstrated the differentiation of nerve stem cells on these 
nanofi brous PLLA scaffolds and hence their potential use of PLLA matrix in 
nerve tissue engineering.   

 Thermally - induced phase separation (TIPS) has been recently used exten-
sively for the synthesis of interconnected and porous membranes. In this tech-
nique, homogenous polymer solution prepared at a higher temperature is 
converted into two phases (polymer rich phase and polymer lean phase) by 
changing the temperature  [65] . Huang et al. used TIPS to synthesize poly(lactide -
 co - glycolide)/nano - hydroxyapatite (PLGA/NHA) scaffolds. Their results 
demonstrated enhanced mesenchymal stem cell (MSC) growth and proliferation 
on regular and highly interconnected porous PLGA/NHA scaffolds {100 – 150 
micro meters ( μ m)} as compared on PLGA only scaffolds thereby establish-
ing the potential of TIPS synthesized PLGA/NHA scaffolds in bone tissue 
engineering  [66] . 

    Figure 13.3.     Scanning Electron Micrograph of PLLA scaffolds synthesized from 2.5% (w/v) 

PLLA/THF solution at a gelation temperature of 8    ° C by phase separation.  Reprinted from Ma 

PX, Zhang R. Synthetic nano - scale fi brous matrix. 1999;46(1):60 – 72. Copyright  ©  1999 J Wiley. 

Reprinted with permission of John Wiley & Sons Inc.   
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 The advantage of the phase separation technique is that it is a relatively 
simple technique that is not equipment intensive. In addition, a highly - porous 
structure can be obtained with control over the mechanical properties of the 
nanofi brous matrix and batch to batch consistency can be easily maintained  [62] . 
However, a disadvantage of this technique can be limited control on the internal 
architecture of the nanofi brous matrix  [67] .  

  13.3.3   Electrospinning 

 Electrostatic spinning (electrospinning) is the synthesis of fi bers of diameter 
ranging from 10   nm to 10    μ m or larger by drawing it from a polymer solution 
under the infl uence of electrostatic forces  [68,69] . The concept of electrospinning 
is more than 100 - years - old  [70 – 76]  and has regained the attention of researchers 
for the synthesis of nanofi ber - based scaffolds for tissue engineering applications. 

 The apparatus for electrospinning (Figure  13.4 ) consists of a syringe which is 
the reservoir for holding the polymer solution, capillary/needle, high voltage 
power supply, grounded metallic collector (plate/mandrel), and a syringe pump 
(not shown in the fi gure) that pumps the polymer at a particular rate from the 
needle tip. The presence of a syringe pump is not mandatory when the syringe is 
placed in a vertical confi guration, whereby the polymer solution is released from 
the capillary under the infl uence of gravity. Further, the collector can either be a 
grounded metallic plate that is stationary or a rotating cylinder, depending on the 
requirement of a non - woven mesh or aligned fi bers, respectively.   

 During electrospinning, a polymer solution is taken in a glass syringe con-
nected to a metallic needle. The polymer solution by virtue of its viscosity/surface 

    Figure 13.4.     Schematic of the electrospinning technique.  
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tension produces a hemispherical meniscus at the tip of the capillary/needle. A 
high voltage is then applied between the needle and a grounded metallic plate 
that causes the induction of charges on the hemispherical droplet at the capillary 
tip. Mutual charge repulsion (coulombic repulsion) on the meniscus of the 
polymer solution induces a force that is initially balanced by the surface tension 
of the polymer. An increases in the voltage causes higher surface charges on the 
polymeric droplet and its elongation leading to the formation of a cone like struc-
ture called the Taylor cone  [77] . With further increase in the voltage above a 
particular threshold, the repulsive forces overcome the surface tension forces and 
a jet ensues from the tip of the Taylor cone. The jet travels straight for a short 
distance and then undergoes bending instabilities that lead the jet to traverse a 
spiral path. During the course of movement of the jet to the collector plate, it 
thins due to solvent evaporation and stretching caused by bending instabilities 
 [78] . Higher charges on the jet leads to increased elongation forces and hence 
reduced fi ber diameter. The solidifi ed polymeric nanofi bers are deposited on the 
grounded metal plate in the form of a non - woven mesh (Figure  13.5 ).   

 Electrospinning has been extended from the phenomenon of electrostatic 
spraying (electrospraying). In electrospraying, charge is provided to a conducting 
liquid that splits mid - air, resulting in the formation of spray of fi ne particles fol-
lowing jet formation; hence, the process is termed as electrospraying  [70,71] . 
When high molecular weight polymers are used instead of low molecular weight 
substance, the process leads to the formation of continuous fi bers, and hence the 

    Figure 13.5.     Scanning Electron Micrograph of PLGA nanofi bers (non - woven mesh) synthe-

sized by the electrospinning technique. (Unpublished data from the laboratory).  
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phenomenon is known as electrospinning. However, when charge is provided to 
low molecular weight polymeric solution, it results in the formation of nano-
particles by the phenomenon of electrospraying  [79] . 

 Electrospinning is infl uenced by solution parameters namely viscosity, con-
ductivity, and surface tension  [80,81] ; system parameters namely capillary diam-
eter, electric potential at the tip, and the distance between the tip and the collection 
plate  [77,82 – 85] ; and ambient parameters like temperature and humidity in the 
electrospinning chamber  [86] . 

  (1)     Solution  p arameters 
     (a)      Solution viscosity  plays a key role in affecting fi ber diameter and 

morphology. Low solution viscosities can lead to the formation of 
particles/beads whereas, higher solution viscosity, above a thresh-
old yields fi bers without beads  [80] . Further, an increase in the solu-
tion viscosity results in an increase in the fi ber diameter. However, 
beyond an upper limit of viscosity, the solution dries at the nozzle, 
thereby preventing fi ber formation.  

  (b)      Conductivity  is another solution parameter that infl uences elec-
trospinning by generation of repulsive forces on the polymeric jet. 
In general, a more conductive solution is easily drawn to form a 
jet during electrospinning. Conductivity on the polymeric droplet 
is governed by the type of polymer used and the solvent used to 
dissolve it. 

 In a recent study, Choi et al. studied the infl uence of salts on nano-
fi brous structure  [87] . Their study indicates that increased charges 
on a polymer solution poly(3 - hydroxybutyrate - co - 3 - hydroxyvalerate 
(PHBV) by addition of a salt benzyl trialkyl ammonium chloride led 
to increased elongation forces caused by self repulsion of similar 
charges that resulted in reduced fi ber diameter. Therefore, increase 
in charges on a polymer solution can cause a signifi cant reduction in 
fi ber diameter.  

  (c)      Surface tension  (closely linked to solution viscosity) plays an impor-
tant role from the point of initiation of the process where it holds the 
hemispherical meniscus at the tip of the capillary. Surface tension is 
directed opposite to the electrostatic charges thereby determining 
the voltage threshold value responsible for jet formation. Excess sur-
face tension encourages the formation of beads. Choice of solvent 
and polymer concentration can help alter surface tension and hence 
the formation of nanofi bers/nanoparticles.    

  (2)     System  p arameters 
     (a)     The  internal diameter of the needle  closely refl ects the diameter of 

the base of the Taylor cone and hence the diameter of the jet issuing 
out of that Taylor cone. Katti et al. studied the infl uence of needle 
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gauge (internal diameter of capillary) on the diameter of nanofi bers 
and demonstrated a decrease in the average fi ber diameter with re-
duction in needle diameter  [82] . Hence, needle gauge can have a 
signifi cant infl uence on the fi ber diameter.  

  (b)      Voltage  plays a critical role in determining the fi ber diameter. 
Since voltage is responsible for generation of charges on the poly-
meric droplet, an increase in voltage (or electric fi eld strength) 
increases the charge density on the polymeric jet and hence repul-
sion. Higher charge repulsion causes an increased drawing effect on 
the polymer jet that leads to the formation of fi bers with smaller 
diameter  [77] .  

  (c)      Electrospinning distance (distance between the tip of the capillary 
and the collector)  determines the time taken by the jet (path length) 
to reach the collector plate. Hence, the electrospinning distance can 
indirectly infl uence the length of the ejected jets ’  trajectory  [83,84] . 
Decreased electrospinning distances prevent complete solvent evap-
oration, thereby leading to agglomeration of the fi bers. It has been 
reported by Lee et al.  [84]  that with the increase in the electrospin-
ning distance, the average fi ber diameter increases, due to reduction 
in the effective fi eld strength (per unit distance) and hence reduced 
thinning effect. However, in another study by Zhao et al.  [85] , it 
was observed that average fi ber diameter decreased with increas-
ing distance. It was discussed that the increase in the distance pro-
vides greater opportunity for the jet to split and elongate. Although 
the aforementioned studies  [84,85]  report contradictory results, it is 
intuitive to believe that an increase in electrospinning distance will 
lead to a decrease in nanofi ber diameter. However, increase in elec-
trospinning distance beyond a critical limit does not lead to the col-
lection of fi bers probably due to reduced infl uence of the electric 
fi eld  [85] .    

  (3)     Ambient  p arameters 

     (a)      Humidity  in the electrospinning environment affects fi ber mor-
phology to a great extent without infl uencing the fi ber diameter. In-
creased humidity levels increase the pores on fi ber surface, which 
ultimately coalesce to form non - uniform structures  [86] . Humidity 
also determines the rate of solvent evaporation from the jet that de-
posits in form of fi bers. High humidity levels interfere with solvent 
evaporation, hence fi bers that would have otherwise dried in a con-
trolled humidity environment would not dry completely in a high 
humidity environment.      

 Thus, the fi ber diameter and morphology of the electrospun nanofi bers can 
be altered by manipulating the solution, system and ambient parameters. 
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 As stated earlier, the electrospun nanofi bers deposited on the grounded 
metal collector are in the form of a non - woven mesh. However, fi bers can also be 
directed in a particular orientation to enable the synthesis of aligned fi bers (Figure 
 13.6 ). ECM molecules in connective tissue like cartilage, ligament, and even skel-
etal muscle have a specifi c orientation, and hence aligned fi bers can provide 
contact guidance for cells that can potentially direct their alignment along the 
length of the fi bers  [88] . This in turn can lead to desirable repair/regeneration of 
the tissue. Multiple methods have been reported for the alignment of fi bers syn-
thesized using the electrospinning technique  [89 – 93] . One such method involves 
the use of a rotating mandrel in place of a grounded metal plate as the collector. 
In this method, when the linear velocity of the rotating mandrel matches that of 
the jet, fi bers get deposited on the collecting substrate/ mandrel in a circumferen-
tial manner that generates aligned fi bers (Figure  13.2 ). This method has been 
exploited by Mathews et al. for the alignment of collagen nanofi bers  [89] . Another 
method that has been reported for nanofi ber alignment makes use of a needle as 
the counter electrode that serves to focus the entire set of fi bers from the jet to a 
focusing electric fi eld generated due to the sharp pin counter electrode. The 
counter electrode is mounted inside a rotating mandrel/drum. Therefore, the 
rotating mandrel along with the point counter electrode leads to the alignment of 
the nanofi bers  [90] . In another report, alignment has been obtained by using a 
rotating disc collector instead of a mandrel  [91] . The bending instabilities result in 

    Figure 13.6.     Scanning Electron Micrograph of aligned Polystrene nanofi bers synthesized by 

the electrospinning technique. (Unpublished data from the laboratory).  
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the formation of a conical envelope that transforms into an inverted cone with 
the apex at the edge of the rotating disc. The sharp edge of the rotating disc is 
responsible for exerting a pulling force on the jet that leads to the assembly of 
nanofi bers on the circumference of the disc in an aligned manner. Studies con-
ducted in the past few years also state the infl uence of fi ber alignment on ECM 
production. In one such study, Lee et al. reported the infl uence of fi ber alignment 
on ECM production by human ligament fi broblast. Their results demonstrated 
that production of collagen on aligned fi bers was greater when compared to that 
on non - aligned controls  [92] . In another study, Xu et al. demonstrated the poten-
tial of biodegradable poly(L - lactic acid)/polycaprolactone (PLLA/PCL) scaffold 
using aligned fi bers that matched the requirements of the middle layer in an 
artery. They observed orientation of smooth muscle cells along the length of the 
aligned fi bers with enhanced adhesion and proliferation thus indicating the 
potential of the aligned nanofi ber - based scaffold for application in blood vessel 
tissue engineering  [93] .   

 Apart from alignment, fi ber diameter also plays a key role in gene expression. 
Supramolecular property of the ECM is defi ned by the composition of protein 
fi brils enmeshed within the hydrated network of glycosaminoglycans  [94] . The 
nano - dimensioned fi bers synthesized by electrospinning mimic this supramolecu-
lar property. However, smaller fi ber size (diameter) reduces the expression of 
various genes involved in differentiation and migration due to less cellular attach-
ment points  [95] . These problems can be overcome by combining the micro -
 fi brous and nano - fi brous scaffolds in one system that would provide ECM like 
structures to the cells and the ability for cell attachment and guidance  [95,96] . 
Another limiting factor in tissue engineering applications could be the cell seeding 
densities on electrospun nanofi bers. This can potentially be overcome by spinning 
the matrix along with the cells to enable enhanced cellular densities, thereby 
improving functional connections between the cells  [97] . Thus, electrospun nano-
fi bers can serve as a potential scaffold in tissue engineering of ECM rich organs. 

 Variations in the process of electrospinning can be in terms of type of 
spinneret or collector plate. Coaxial electrospinning involves the synthesis of 
nanofi bers with core - shell type geometry. This has been mostly exploited for the 
incorporation of water soluble growth factors that still remains a challenge in 
conventional electrospinning. Jiang et al. exploited this technique for the incorpo-
ration of water soluble bioactive agents, bovine serum albumin (BSA) and lyso-
zyme within polyethylene glycol nanofi bers with a shell of polycaprolactone 
(PCL) and demonstrated release of bioactive protein  [98] . Researchers have also 
explored the possibility of increased rate of nanofi ber production by employing 
multiple spinnerets  [99] . Variations in collector plate, for example, stationary col-
lector or rotating mandrel, determines fi ber alignment and has been discussed 
earlier in this section. 

 Electrospinning is a relatively advantageous technique for scaffold produc-
tion in comparison to self assembly and phase separation, as it is a one step tech-
nique and involves a simple experimental set - up. Further, it can be modulated to 
control the fi ber diameter, morphology and density that can meet specifi c tissue 
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engineering requirements. In addition, the nanofi brous scaffolds generated by 
electrospinning have high porosities with interconnected pores  [100] . Inspite of 
these advantages, nanofi bers produced by conventional electrospinning are in the 
form of a non woven mesh with limited 3D profi les. Further, although porosities 
obtained can be large, the pore sizes obtained are relatively small when compared 
to matrix produced by other techniques. Table  13.1  provides a comparative analy-
sis of the three techniques self assembly, phase separation, and electrospinning 
that have been discussed in this section.   

 Electrospinning has shown great potential in the fi eld of biomedical sciences. 
Electrospun nanofi bers have been used for the synthesis of scaffolds that have 
been applied for the engineering of multiple tissues such as cartilage, bone, muscle, 
ligament, nerve, skin and vasculature  [88,92,101 – 105] . 

 Further, these fi bers have also been used for controlled delivery of drugs, 
proteins and nucleic acids  [82,106,107] . Other areas of application include sensor 
devices  [108] , fi ltration  [109] , protective clothing  [110] , and electrical conductors 
 [111]  (Figure  13.7 ). Although there are number of applications of electrospun 

 TABLE 13.1.     Comparison of Processing Techniques for the Synthesis of Nanofi bers 

   Features     Self assembly     Phase separation     Electrospinning  

  Ease of processing    No    Yes    Yes  
  Control on fi ber 

diameter  
  No    No    Yes  

  Easy scale up    No    No    Yes  
  Advantages        •      It can be 

performed 
without the 
use of any 
harmful organic 
solvents.     

      •      Simple 
technique.  

   •      Not equipment 
intensive.  

   •      Highly porous 
scaffold with 
control over 
its mechanical 
properties.  

   •      Batch - to - batch 
consistency.     

      •      One step technique.  
   •      Simple set -

 up, hence cost 
effective.  

   •      Can be modulated 
to control fi ber 
diameter and 
alignment.  

   •      High porosity 
scaffold with 
interconnected 
pores.  

   •      Highly versatile in 
terms of variety of 
polymers.     

   Disadvantages         •      Relatively 
complex.  

   •      Low 
productivity.  

   •      Limited to a few 
polymers only.     

       •      No control over 
the internal 
architecture.     

       •      Scaffolds have a 
miniscule three -
 dimensional profi le.  

   •      Small pore size.  
   •      Use of high 

concentrations of 
organic solvent.     
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nanofi bers, the discussion in this chapter is restricted to tissue engineering appli-
cations only, more specifi cally musculoskeletal tissue engineering.     

  13.4   POLYMERS USED FOR SYNTHESIZING NANOFIBROUS 
STRUCTURES USING THE ELECTROSPINNING TECHNIQUE 

 Instead of implanting permanent non - biodegradable devices within the body, 
there is a growing need to explore biodegradable implants that would coax the 
body for self repair/to regenerate. One of the main strategies in this direction 
is tissue engineering that involves the application of polymeric biomaterials, 
both biodegradable as well as non - biodegradable, as scaffolding systems. 
Degradation of polymeric devices (mainly by hydrolytic and enzymatic means) 
can be manipulated to match the regeneration rate of the specifi c tissue based on 
the rate of ECM generation of that tissue. This section discusses various polymers 
under the broad category of natural, that is, biologically derived and synthetic 
polymers. 

  13.4.1   Natural Polymers 

 There is a rapid increase in the use of natural polymers to make nanofi brous scaf-
folds. Natural polymers that have been used for scaffolding applications are either 
constituents of ECM or the chemical/physical mimics of ECM components that 
have been extracted from other living forms. ECM constituents have innate infor-
mation for cell guidance, and thus can be advantageous if fabricated into nanofi -
brous scaffolds by electrospinning. Natural polymers have the advantage of being 
hydrophilic, biocompatible, with their degradation products being easily metabo-
lized in the body. In addition, natural polymers have been demonstrated to 
enhance cell interaction and proliferation  [112] . Therefore, natural polymers 
have been explored for the synthesis of nanofi ber - based scaffolds for tissue 

    Figure 13.7.     Potential applications of nanofi bers using the electrospinning technique.  
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engineering. Natural polymers that have been used for electrospinning can be 
broadly divided into two classes: protein based materials are used, that include 
collagen, gelatin, and silk; and carbohydrate like materials namely, chitin/
chitosan, and alginate. This section briefl y describes the electrospinning of these 
natural polymers. 

  13.4.1.1   Proteins.     Proteins are a major category of natural polymers that 
are diffi cult to fabricate into fi brous forms  [113] . This could be attributed to the 
complex macromolecular and 3D structure of proteins and the presence of strong 
intra -  and/or inter - molecular bonding. Electrospinning has the capability to 
process protein polymers into nanofi brous scaffolds, with the use of different 
solvent system. 

 Successful attempts have been made to electrospin protein polymers from 
natural ECM components as well as proteins obtained from other organisms such 
as silk. Both fi brous and globular proteins have been electrospun into nanofi bers, 
however, a discussion of all the proteins is beyond the scope of this chapter, hence, 
this discussion has been limited to some extensively studied proteins, namely col-
lagen, gelatin, and silk. 

  13.4.1.1.1   Collagen.     Collagen is a major protein constituent of ECM of 
connective tissues, such as bone, tendon, ligament and cartilage  [114] . At least 27 
different types of collagen which differ in their structure, function, and location 
have been identifi ed in mammalian tissues, of which collagen type I is the most 
abundant form  [115] . 

 All the collagen types share a common triple helical domain that has a 
characteristic primary structure, with repeated sequence of (G - X - Y) n  units, 
where G is glycine, X is alanine or proline and Y is hydroxyproline  [116] . Being 
a component of the natural ECM milieu, collagen has gained popularity in 
tissue engineering as a material for the synthesis of electrospun scaffolds 
 [89,117] . 

 Matthews et al. studied electrospinning of different collagen types such as 
collagen type I and type III into nanofi bers  [89] . Collagen type I nanofi bers were 
obtained with an average diameter of 100   nm, and 1, 1, 1, 3, 3, 3 hexafl uoro - 2 -
 propanol (HFP) was used as the solvent. An important observation made by 
authors was the presence of 67   nm banding pattern in the nanofi bers which is a 
characteristic of collagen in its native form, thereby indicating that the process of 
electrospinning maintains the native structure of collagen. In another study, Shih 
et al. synthesized collagen type I nanofi bers using HFP as the solvent system 
and studied the infl uence of collagen concentration on fi ber diameter. Their 
results demonstrated an increase in fi ber diameter with an increase in collagen 
concentration  [39] . 

 Collagen type II is a native constituent of articular cartilage. Hence, electros-
pinning of collagen type II could be a promising approach for  in vitro  cartilage 
tissue engineering. To validate this rationale, Shields et al. fabricated collagen 
type II scaffolds by electrospinning, and cross - linked the same with glutaralde-
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hyde. The study demonstrated that although better mechanical properties were 
obtained for cross - linked scaffolds when compared to non cross - linked scaffolds, 
the mechanical properties of cross - linked scaffolds were less than that of native 
collagen type II fi bers  [117] . 

 The drawback associated with collagen fi bers is their rapid degradation in the 
physiological environment. This has been overcome by cross - linking of collagen 
fi bers using cross - linkers such as glutaraldehyde, formaldehyde, epoxy com-
pounds and zero length cross linkers such as carbodiimide  [39,117,118] . Although 
the electrospun collagen fi bers do not fully recapitulate the native collagen fi bers, 
they still hold promise for tissue engineering applications.  

  13.4.1.1.2   Gelatin.     Gelatin is a denatured form of collagen obtained by 
subjecting the collagen source (bone, tendon or skin) to acid or alkaline pre - 
treatment  [119] . It is a relatively inexpensive substitute for collagen. Being a 
derivative of collagen, it has a polypeptide nature and possesses RGD peptides 
required for cell adhesion. However, unlike collagen, gelatin contains multiple 
oligopeptides of diverse molecular weight. Use of gelatin in drug delivery applica-
tions  [120] , wound dressing applications and as a food additive has been known 
for many years  [121,122] ; however, its use as a biomaterial for electrospinning is 
relatively recent. 

 Gelatin is soluble in water at room temperature; however, gelatin contains 
ionizable groups that form hydrogen bonds in the aqueous environment that 
makes electrospinning of gelatin quite challenging. Being a biopolymer with 
strong polarity, gelatin needs to be dissolved in highly polar organic solvents to 
enable electrospinning. Huang et al. demonstrated the use of a highly polar 
solvent 2, 2, 2 - trifl uoroethanol (TFE) for electrospinning of gelatin  [123] . Huang 
et al. also validated that the mechanical performance of gelatin nanofi bers 
was infl uenced by the fi ber diameter as well as fi ber morphology. The fi nest 
fi brous mat without beads was obtained at a relatively higher concentration 
of gelatin and this mat exhibited better mechanical strength as compared to 
relatively thick but beaded fi bers  [123] . Ki et al. examined the stability of gelatin 
in formic acid, and hence, its effect on the morphology of electrospun gelatin 
nanofi bers  [124] . They reported the formation of gelatin fi bers having diameters 
in the range of 70 – 170   nm with formic acid showing no signifi cant effect on gelatin 
fi bers  [124] . 

 The hydrophilicity of gelatin causes loss in physical integrity when exposed to 
water; hence, there is a need for cross - linking gelatin fi bers to enhance their 
mechanical strength and stability for their use as scaffolding systems. Zhang et al. 
reported the electrospinning of gelatin nanofi bers that were cross - linked post 
synthesis with glutaraldehyde vapours (GTA) at room temperature for three 
days. There results demonstrated that the cross - linked nanofi brous membranes 
maintained their structural integrity after being immersed in water for six days. 
Further, these membranes were non - cytotoxic and exhibited enhanced thermal 
stability and mechanical strength  [125] . Hence, cross - linked nanofi bers show 
potential to be used in tissue engineering applications.  
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  13.4.1.1.3   Silk Fibroin.     Conventional silk is a natural protein derived from 
the cocoon of  Bombyx mori  (silk worms)  [126] . Other forms of silk such as 
dragline silk are obtained from  N. clavipes  spiders. Silk obtained from cocoons as 
well as  N. clavipes  spiders has a desirable combination of biocompatibility, high 
mechanical strength, and even compressibility  [127] . Silk obtained from all 
sources has been electrospun into nanofi bers. Although silk fi bers provide 
improved strength, the immune response elicited — due to sericin protein present 
on the outer layer of silk protein — has limited its use in tissue engineering appli-
cations. Purifi ed silk fi broin, after the removal of sericin, retains all the attributes 
of silk fi ber, while reducing its immunogenicity. 

 Zarkoob et al.  [127]  reported the electrospinning of silk obtained from both 
 N. clavipes  spider and the  B. mori  silkworm using HFP as the solvent. The electro-
spun silk nanofi bers obtained were smaller in diameter than the whole fi bers pro-
duced by nature ( B. mori , 10 – 20    μ m and  N. clavipes , 2 – 5    μ m) as well as from 
conventional spinning techniques. Silk fi bers obtained by electrospinning can be 
observed by electron diffraction without the need for microtome or other destruc-
tive sample preparation procedures. Sukigara et al.  [128]  reported the use of 
formic acid as the solvent system for the fabrication of nanofi bers of silk fi broin. 
The use of formic acid helps does not affect the structure of fi broin (which imparts 
mechanical strength to the silk fi ber) that can potentially be lost when HFP is 
used as the solvent  [128] . In continuation to this study, Ayutsede et al. studied the 
infl uence of the process of electrospinning on the structure, morphology and 
properties of silk fi ber assemblies. This study demonstrated that the dissolution of 
silk fi broin in formic acid enhances  β  - sheet crystallization and hence reduces the 
hydrodynamic radius of the fi broin molecules that result in an increase in intra-
molecular hydrogen bonding of the fi broin, which in turn facilitates  β  - sheet for-
mation in the electrospun fi ber  [129] . Therefore, formic acid might be a desirable 
solvent for electrospinning of silk. 

 Other fi brous proteins that have been electrospun into nanofi bers include 
fi brin, elastin, and fi brinogen  [129 – 133] . Successful attempts have also been 
made towards electrospinning of globular proteins such as hemoglobin and 
myoglobin  [134] .   

  13.4.1.2   Carbohydrates.     Carbohydrates are biologically - produced mate-
rials, with carbon, hydrogen and oxygen [C x (H 2 O) y ] as the building blocks. 
Polysaccharides are long chains of simple sugar units bonded together. Com-
mercially available products include starch, cellulose and its derivatives (such 
as cellulose acetate, carboxymethyl cellulose, and methyl cellulose), sodium 
alginate, xanthan gum, dextran, carrageenan, and hyaluronic acid. The syn-
thesis of carbohydrate nanofi bers using electrospinning has been extensively 
explored. 

 Glycosaminoglycans (GAGs) are long unbranched polysaccharides con-
taining a repeating disaccharide unit. They are negatively charged polycarbox-
ylated molecules that are located primarily on the surface of cells and in the 
ECM  [135] . The majority of GAGs in the body are linked to core proteins, 
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forming proteoglycans, and have an important role in binding of growth 
factors, maintaining the sol - gel property and water holding capacity of ECM 
 [136] . 

  13.4.1.2.1   Hyaluronic Acid ( HA ).     Hyaluronic acid is a non - sulphated 
GAG, made up of repeating disaccharide units  β  - 1, 4 - D - glucuronic acid and 
 β  - 1, 3 - N - acetyl - D - glucosamine. It is the simplest form of all the GAGs present in 
the ECM  [137,138]  and is unique in that it does not exist in bound form 
with protein, that is, as a component of proteoglycans. An important property of 
hyaluronan is its capacity to bind large amounts of water (1000 - times its own 
weight). This property makes them excellent lubricators and shock absorbers 
 [136] . Electrospinning of hyaluronic acid can be challenging because of high vis-
cosity and surface tension of HA in solution even at low concentrations. To over-
come the high viscosity of HA that is obtained even at low concentrations, a low 
molecular weight thiolated form of hyaluronic acid that is a 3,3 ′  - dithiobis -  (pro-
panoic dihydrazide) - modifi ed derivative (HA - DTPH) has been reported  [139] . 
In a recent study, Ji et al. reported the electrospinning of a blend of HA - DTPH 
and poly (ethylene oxide) (PEO), wherein PEO was added to further reduce the 
viscosity of HA and hence allow for HA fi ber (diameters ranging from 50 to 
300   nm) formation using electrospinning. The HA - DTPH/PEO nanofi brous scaf-
folds were further treated with water to remove PEO from the scaffolds to 
achieve pure HA - DTPH scaffolds. Disulfi de linkages were introduced during 
electrospinning of HA - DTPH/PEO solution. The electrospun nanofi bers of HA -
 DTPH/PEO had poor mechanical properties and they were water soluble. Ji et al. 
further cross - linked the scaffold with poly (ethylene glycol) - diacrylate (PEGDA) 
as cross - linking agent. Cross - linking improved the mechanical strength of the 
scaffold  [139] . 

 Um et al. fabricated HA nanofi bers using a new set up called electro - 
blowing, wherein the HA solution was heated to reduce its surface tension and 
viscosity and electrospun using air blowing. The air blowing enhanced the rate 
of solvent evaporation and HA nanofi bers in the range of 49 – 74   nm were obtained 
 [140] . To overcome the problems associated with the high viscosity of HA, 
blends of HA and gelatin solution in DMF as the solvent have also been reported. 
This study demonstrated that blending of HA with gelatin and use of DMF as 
a solven reduced the viscosity of HA, thereby making it easy to electrospin 
 [141] . The ability to electrospun HA via blending with other polymer or electro -
 blowing has improved the possibility of synthesizing HA nanofi bers, and as a 
consequence, its potential for being used as a scaffold in tissue engineering 
applications.  

  13.4.1.2.2   Alginate.     Alginate is a linear polysaccharide obtained from 
marine brown algae or seaweeds. It is composed of (1 – 4) linked  β  - D - mannuronic 
acid (M units) and  α  - L - guluronic acid (G units) monomers along the polymer 
backbone  [142] . The alginate molecule is a block copolymer with repeated M and 
G blocks or with regions of MG blocks and is naturally available as a sodium or 
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calcium salt. Alginate is a non - toxic and immunologically inert polymer that bears 
a structural resemblance to GAGs and hence, has been extensively explored in 
tissue engineering applications  [143,144] . Like other natural polymers, alginate is 
hydrophilic and water soluble at room temperature. However, its use as an elec-
trospun non - woven fi brous scaffold is relatively recent, owing to the diffi culty 
associated with its electrospinning. Electrospinning of alginate solution is rela-
tively challenging as gelation of alginate occurs even at low concentrations and 
using very low solution concentration does not lead to fi ber formation  [145] . In 
addition, an increase in polymer concentration results in highly viscous solutions 
that are diffi cult to electrospin. In an attempt to control the viscosity of alginate 
solutions, Bhattarai et al. incorporated PEO in alginate solution along with a 
surfactant  [146] . The results of their study demonstrated that alginate could 
be electrospun into nanofi bers when blended with PEO. Electrospun alginate -
 based scaffolds are relatively easy to fabricate, process, and scale - up, and hence 
have been extensively explored as a biomaterial  [145,146] . Alginate can be co -
 electrospun with multiple types of polymers to form more complex matrices, that 
would more closely mimic natural ECM, and hence has the potential for use in 
diverse tissue engineering applications  [145,146] .  

  13.4.1.2.3   Chitin and Chitosan.     Chitin is a linear polysaccharide found in 
marine crustacean shells and the cell walls of bacteria and fungi  [147] . It is the 
second most abundant natural polymer after cellulose  [148]  and has structural 
resemblance to GAGs, such as chondroitin sulfates and hyaluronic acid, due to 
which it has been considered as a biomaterial for tissue engineering scaffolds 
 [149] . Chitosan is a deacetylated (40 – 98%) derivative of chitin with repeating 
units of  β  (1 – 4) 2 - amino - 2 - deoxy - D - glucose and having a molecular weight in the 
range of 300   KDa to 2000   KDa  [148] . Chitosan, owing to its relatively better solu-
bility, has received more attention than chitin. However, like other natural poly-
mers, electrospinning of chitosan has been a challenging task because of its 
polycationic nature in solution that leads to high viscosities. 

 Noh et al. studied the electrospinning of chitin with HFP as the solvent and 
their results demonstrated that both chitin microfi bers and nanofi bers could be 
synthesized using HFP as the solvent system  [149] . 

 Recently Geng et al., electrospun chitosan nanofi bers using acetic acid as the 
solvent system. The rationale for the use of acetic acid is that it reduces the viscos-
ity of chitosan solution and increases the net charge on the jet  [150] . Li et al. 
investigated the effect of chitosan molecular weight on its ability to electrospin 
along with the effect of an additive (PVA) on fi ber formation and morphology. 
The study demonstrated that the ability of chitosan to be electrospun into nano-
fi bers increases with the decrease in molecular weight of chitosan in presence of 
NaOH  [151] . 

 Quaternised chitosan derivatives have been reported to possess better anti-
bacterial properties thereby enhancing their potential use as a wound dressing 
material. Ignatova et al. studied electrospinning of quaternised chitosan (QCh) 
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solutions with PVA, followed by photo cross - linking by triethylene glycol diacry-
late (TEGDA). The electrospun QCh/PVA fi bers had diameters in 60 – 200   nm 
range  [152] . The study demonstrated that an increase in QCh content in QCh/
PVA solution resulted in an increase in solution conductivity, thereby leading to 
a decrease in the diameter of the electrospun nanofi bers  [152] . 

 Chitosan is thus expected to be of great value as a scaffold material for tissue 
engineering with the combination of biocompatibility, intrinsic antibacterial 
activity, ability to bind to growth factors, and ability to be processed in a variety 
of shapes  [153] . 

 Encouraging results obtained after electrospinning of a few natural polymers 
has provided researchers an opportunity to explore other natural polymers, as 
well as their blends with other natural or synthetic polymers. Although natural 
polymers are a better choice for the synthesis of scaffolds for tissue engineering, 
they are still limited in their applications because of certain concerns like deple-
tion of natural resources, risk of potential pathogen transmission, elicitation of 
immune response, limited control on molecular weight, and consequential degra-
dation and mechanical properties  [154] .    

  13.4.2   Synthetic Polymers 

 Synthetic polymers have an advantage over natural polymers in that they can be 
modifi ed or tailored depending upon the requirement for a specifi c biomedical 
application. In addition, one can also circumvent the batch - to - batch variability in 
properties as well as the reduced availability (in some cases) that are associated 
with natural polymers. Since synthetic polymers allow for a greater degree of 
control on properties (physical and chemical), they are a more desirable source of 
raw materials for biomedical applications. For example, polymer modifi cations 
(physical/chemical) can be advantageous for the immobilization of bioactive 
agents that can be very useful in drug delivery and tissue engineering applica-
tions. Amongst the available synthetic polymers, the ones more suitable for tissue 
engineering applications are most often the degradable types. Within this sub-
class, hydrolytically degradable polymers are preferred over the enzymatically 
degradable polymers to avoid any patient - to - patient variation in degradation 
profi les when used as implants. This section discusses various synthetic hydro-
lytically degradable polymers that have been electrospun and applied in tissue 
engineering. 

  13.4.2.1   Poly( a  - hydroxy) Esters.     Poly( α  - hydroxy) esters are a family of 
polymers that contain hydrolytically cleavable ester linkages in their aliphatic 
back - bone chain. These thermoplastic polymers can be synthesized by ring 
opening or condensation polymerization reactions, depending upon the mono-
mers used  [155,156] . The most common amongst the class of poly( α  - hydroxy) 
esters are the Food and Drug Administration (FDA) approved poly(glycolic 
acid) (PGA), poly(lactic acid) (PLA) and poly(lactide - co - glycolide) (PLGA). 
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  13.4.2.1.1   Poly(Glycolic Acid) ( PGA ).     PGA, a polymer of glycolic acid 
(GA), is highly crystalline and degrades relatively faster within the body due to its 
hydrophilic nature. However, the rates of degradation depend on the molecular 
weight, size, and surface area of the scaffold made of PGA  [157] . The degradation 
product of PGA is glycolic acid, which can at times be a limiting factor due to its 
acidic nature. Nevertheless, PGA is desirable in many biomedical applications 
such as surgical sutures due to its high tensile strength, biocompatibility and 
biodegradability  [158] . High crystallinity of PGA limits its solubility in organic 
solvents, the only exception being highly fl uorinated compounds such as 1,1,1,3,3,3 
hexafl uoro - 2 - propanol (HFP). Boland et al. used the aforementioned solvent 
system for successful electrospinning of PGA and obtained fi bers in the range 
of 0.22    μ m to 0.88    μ m at concentrations of 67 - mg/mL PGA concentration and 
143 - mg/mL PGA concentration, thereby demonstrating the dependence of fi ber 
diameter on polymer concentration  [159] .  

  13.4.2.1.2   Poly(Lactic Acid) ( PLA ).     A polymer of lactic acid (LA), PLA is 
well known for its hydrophobicity, biocompatibility and biodegradability. 
Even though it is a crystalline polymer like PGA, its hydrophobicity enables 
relatively slower degradation rates. Unlike PGA, PLA is soluble in a variety of 
organic solvents due to the presence of an additional methyl group that also 
renders its hydrophobicity. High mechanical strength of PLA favors its potential 
application in load bearing applications. The variation in properties of PLA (both 
physical and chemical) is due to the presence of methyl group on the alpha carbon 
of lactic acid. Thus, the possible variations are poly (L - lactic acid) (PLLA), 
poly(D - lactic acid) (PDLA) and poly(DL - lactic acid) (PDLLA). Poly(DL - lactic 
acid) (PDLLA) is amorphous with low mechanical strength as compared to the 
D -  and L - forms of PLA. Dong et al. reported the synthesis of PDLLA fi bers 
and demonstrated that N, N - dimethyl formamide (DMF) was a better solvent 
than acetone for the electrospinning of PDLLA  [160] . In addition, they studied 
the role of an additive - triethylbenzylammonium chlorate (organic salt) and 
demonstrated that the fi ber diameter decreased from 500   nm to 100 – 200   nm 
following the addition of an organic salt due to the increased conductivity of the 
solution  [160] .  

  13.4.2.1.3   Poly(Lactic - Co - Glycolic Acid) ( PLGA ).     PLGA is a copoly-
mer of LA and GA with its degradation rates and mechanical properties amena-
ble for tailoring by altering the ratio of LA and GA. The rate of degradation of 
the copolymer can be decreased by increasing the glycolic acid content and can 
be increased by increasing the lactic acid content. PLGA is one of the most com-
monly used polymers in tissue engineering as it supports cell adhesion and prolif-
eration, in addition to being biodegradable and biocompatible. A study by Katti 
et al. demonstrated the infl uence of various parameters like polymer solution 
concentration, orifi ce diameter, and voltage on the morphology and diameter of 
electrospun PLGA nanofi bers using THF   :   DMF (1   :   1) as the solvent system  [82] . 
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In another study, Min et al. reported the infl uence of solvent system on the fi ber 
diameter of electrospun PLGA nanofi bers. Electrospinning of PLGA in polar 
HFP led to a smaller average fi ber diameter (310   nm) as compared to fi bers pro-
duced in the same concentration of a non - polar chloroform (760   nm)  [161] . 
Similar results were reported by You et al. while studying the role of solvent 
polarity in infl uencing fi ber diameter of PLGA, PLA and PGA  [163] . They dem-
onstrated that electrospun PLGA fi bers using less polar chloroform as a solvent 
system had a average fi ber diameter of 760   nm, whereas PGA and PLA fi bers 
electrospun using polar HFP had average fi ber diameter of 310   nm and 290   nm, 
respectively. In another study, Bashur et al. studied the infl uence of polymer 
solution concentration on the diameter of electrospun PLGA fi bers  [163] . They 
demonstrated an increase in fi ber diameter with increase in polymer solu-
tion concentration with least average fi ber diameter of 140   nm at 5% polymer 
concentration. 

 The degradation products of PLGA are LA and GA. The acidic end products 
decrease the pH of the microenvironment and this can adversely affect growth 
factor delivery in tissue engineering due to acid catalyzed degradation of the 
encapsulated/released protein  [164] . Thus, there is a need to blend PLGA with 
other polymers to enable the use of PLGA nanofi bers as protein delivery vehicles 
in tissue engineering applications.   

  13.4.2.2   Polycaprolactone ( PCL ).     PCL is a semicrystalline polymer that is 
synthesized by ring - opening polymerization of its monomer  ε  - caprolactone  [165] . 
Apart from possessing excellent biocompatibility, it is a slow - degrading polymer 
with high mechanical strength and has been widely explored in the area of tissue 
engineering  [166] . Lee et al. reported the synthesis of PCL nanofi bers and studied 
the infl uence of solvent system on the morphology and diameter of electrospun 
PCL nanofi bers  [81] . The solvent systems studied were: methylene chloride 
(DCM), mixture of DCM and N, N - DMF, mixture of DCM and toluene. It was 
observed that with an increase in the content of DMF in the solvent system, 
surface tension and viscosity decreased while conductivity and dielectric constant 
increased, thereby leading to a decrease in the fi ber diameter. Another group 
reported the synthesis of electrospun PCL nanofi bers in DCM/methanol (7   :   3) 
solvent system  [167] . Methanol was primarily used to increase the conductivity of 
the solution, which was further increased by addition of heparin to the spinning 
solution. The average fi ber diameter decreased from 360   nm (without heparin) to 
260   nm (with heparin).  

  13.4.2.3   Polyurethanes ( PU ).     Polyurethanes form a class of elastomeric 
polymers that have been explored for the synthesis of long - term implants with 
stable mechanical properties  [168] . They have found applications in cardiac pace 
makers and vascular grafts since they possess excellent biocompatibility  [168,169] . 
Electrospun PU nanofi bers have been demonstrated to have potential for wound -
 dressing based applications. Khil et al. studied mixture of THF and DMF as the 



462 DESIGNING NANOFIBROUS SCAFFOLDS FOR TISSUE ENGINEERING

solvent system for the synthesis of electrospun PU nanofi bers as wound - dressing 
materials  [170] . It has been reported that THF as the solvent system leads to the 
production of unstable jets moving in all directions. Low fl ow rate of the polymer 
solution in THF leads to its drying at the needle tip, while higher fl ow rate pro-
duces larger diameter fi bers. On the other hand, DMF as a solvent system causes 
production of droplets with intermediate fi bers. Therefore, Khil et al. optimized 
the ratio of DMF   :   THF and demonstrated the production of PU fi bers in the 
range of 250 to 300   nm  [170]  with DMF   :   THF in the ratio of 30   :   70 (v/v), thereby 
demonstrating that the solvent system can play a major role in the formation of 
defect - free fi bers in the nanometer range.  

  13.4.2.4   Bacterial Polyesters.     As the name suggests, these polyesters are 
synthesized by bacteria like  Bacillus megaterium, Wautersia eutropha , and  Pseu-
domonas species  and are meant to provide the bacteria with a reserve house for 
carbon and energy. Bacterial polyesters mainly include the family of poly - hydroxy 
alkanoates (PHA) with the most well studied members being poly - hydroxybutyr-
ate (PHB) and poly - hydroxyvalerate (PHV). Bacterial polyesters have been 
explored in tissue engineering due to their biocompatibility and biodegradability. 
Further, PHB and a copolymer of PHB and PHV - PHBV are potential candidates 
for long - term implants due to their slow degradability. 

 Synthesis of PHBV nanofi bers by electrospinning has been reported by 
Choi et al.  [87] . PHBV fi bers were obtained in the range of 1 – 4    μ m when 
chloroform was used as the solvent system. They further studied the infl uence 
of an additive - benzyl trialkylammonium chloride. This salt was soluble in chlo-
roform and its addition caused a signifi cant increase in the conductivity of the 
solution, thereby leading to increased elongation effects due to repulsion of 
similar charges on the polymer jet. These favorable factors led to a decrease in 
average fi ber diameter to 1    μ m. Further, since PHBV nanofi bers electrospun with 
the salts had higher surface area to volume ratio as compared to PHBV fi bers 
generated without the use of an additive, they degraded faster. In another study, 
Lee et al. reported the synthesis of electrospun PHBV using 2,2,2 - trifl uoroethanol 
as the solvent system and obtained fi bers having average fi ber diameter of 
185   nm  [171] .   

  13.4.3   Polymeric Blends 

 Current state - of - the - art of design of many tissue engineering scaffolds demands 
the combination of properties offered by natural and synthetic polymers. Few 
synthetic polymers — for example, poly( α  - hydroxyesters) — possess poor process-
ability and release acidic products during their degradation. Further, synthetic 
polymers lack cell - recognition moieties, which are present in natural materials. 
Natural polymers, on the other hand, form a gel - like phase at low polymer con-
centration and a highly viscous solution at increased polymer concentrations, 
making it diffi cult to electrospin. Further natural polymers rapidly go into solu-
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tion in hydrophilic conditions. Thus, hybrid materials that combine the properties 
of both natural and synthetic polymers are a potential alternative. The properties 
possessed by such hybrid polymers include improved mechanical properties, high 
processability, negligible batch - to - batch variability and also the specifi c recogni-
tion ability to elicit a favorable cell response. Blending of polymers is also per-
formed to improve the electrospinnability of some polymers and hence their 
potential use in tissue engineering. Blends can be composed of two or more 
natural polymers, or two or more synthetic polymers, or a combination of natural 
and synthetic polymers. 

 Blends of natural polymers that are ECM mimics have found great potential 
in tissue engineering. Nevertheless, electrospinning of natural polymers can be 
challenging. For example, silk fi broin is a collagen mimic but is mostly composed 
of hydrophobic residues. Thus, blending of silk fi broin with a hydrophilic polymer 
would render its electrospinning relatively easy. Making use of this concept, Park 
et al. demonstrated the synthesis of electrospun nanofi bers using silk and chitin 
blends. The presence of chitin increased the conductivity of the solution that led 
to the production of nanofi brous matrices with reduced diameters (340   nm –
 920   nm as compared to 1260   nm for pure silk fi bers)  [172] . 

 Blends between synthetic polymers combine the properties of the individual 
polymers. Zong et al. evaluated the ability of biodegradable blends of PLGA and 
PEG - PLA [(poly(ethylene glycol) - poly(lactic acid)] in preventing postsurgical 
adhesions in a rat model  [173] . PLGA/PEG - PLA electrospun membranes main-
tained a good 3D stability as compared to shrink - prone hydrophobic PLGA 
membranes when implanted in rats. Mo et al. exploited the properties of PLLA 
and PCL and demonstrated the potential of electrospun PLLA/PCL blends in 
tissue engineering applications. They varied the ratio of both the polymers, 
thereby modulating the degradation rate and, as a consequence, permeation rates 
of steroids  [174] . 

 Some of the natural polymers, such as gelatin, when dissolved in water cannot 
be processed by electrospinning because a colloidal solution is formed that in 
turn cannot be quickly volatilized during the process. Potential solutions either 
involve the use of volatile solvent systems or blending with synthetic polymers. 
Various volatile solvents have been studied for electrospinning of gelatin (see 
section on natural polymers)  [124] . Using the second strategy of blending, Li et al. 
electrospun silk by blending it with polyethylene oxide (PEO), thereby generat-
ing a viscosity and surface tension suitable for electrospinning  [102] . Further, Li 
et al. electrospun PLGA, gelatin and elastin together to form a nanofi brous matrix 
that maintained the properties of the individual polymers. PLGA was the syn-
thetic manipulative component while gelatin and elastin were the natural compo-
nents serving for the mechanical properties of the ECM as well as cell migration 
and cell attachment  [175] . 

 There are other synthetic polymers that have been electrospun into nanofi -
bers and applied in the area of tissue engineering. However, describing all poly-
mers is beyond the scope of this chapter and hence they have been enumerated in 
Table  13.2 .     
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 TABLE 13.2.     Polymers Used in Electrospinning to Form Nanofi ber, their Potential Application 
and the Type of Construct Used in Tissue Engineering 

   Polymer  

   Form of 
nanofi ber used in 
tissue engineering  

   Type of 
construct     Application     Ref.  

  Cellulose    Non woven        Biomaterial     [176]   
  Chitosan    Non woven        Biomaterial     [177]  

  [150]   
  Non woven        Cartilage tissue 

engineering  
   [178]   

  Chitin    Non woven        wound healing and tissue 
regeneration  in vivo  
study in rat.  

   [179]   

  Non woven        Biomaterial     [180]   
  Collagen    Non woven        Bone tissue engineering     [39]   

  Non woven, Cross 
linked  

      Blood tissue engineering     [133]   

  Non woven        Blood tissue engineering     [89]   
  Non woven        Wound dressing, Tissue 

regeneration  
   [181]   

  Non woven        Cartilage tissue 
engineering  

   [101]  
  [118]   

  Non woven, blend 
with PEO  

      Wound dressing, Tissue 
regeneration  

   [182]   

  Fibrinogen    Non woven        Tissue regeneration     [131]   
  Gelatin    Non woven, 

biomaterial  
      Collagen substitute     [124]   

  Non woven, Cross 
linked  

      Sutures, tissue 
regeneration  

   [125]   

  Non woven, blend 
with PAN  

      Electric conductive 
scaffold, tissue 
regeneration  

   [183]   

  HA    Non woven        Cell encapsulation, tissue 
regeneration  

   [139]   

  PHBV    Non woven        Tissue regeneration     [184]   
  Silk    Non woven, silk 

fi broin  
      Biomaterial     [185]   

  Zein(corn 
protein)  

  Non woven        Biomaterial     [186]   

  EVOH    Non woven        Wound dressing, tissue 
regeneration  

   [187]   
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   Polymer  

   Form of 
nanofi ber used in 
tissue engineering  

   Type of 
construct     Application     Ref.  

  PCL    Non woven        Wound dressing     [188]   
  Non woven        Heparin delivery for 

vascular injury  
   [189]   

  Non woven    Aligned, tubular -
 construct  

  Blood vessel scaffold     [190]   

  Non woven,  in vivo  
study in rat  

      Tissue regeneration     [191]   

  Plain weave of 
porous fi lament  

  Tissue regeneration     [192]   

  Non woven        Tissue regeneration     [193]   
  PEO    Non woven        Biomaterial     [77]  

  [194]   
  Non woven, 
PEG - heparin 
incorporated in 
fi ber  

  bFGF binding    Functionalized tissue 
engineering  

   [195]   

  Phosphazene    Non woven        Tissue regeneration     [196]   
  PGA    Non woven        Tissue regeneration 

 in vivo  study in rat  
   [159]   

  Non woven        Tissue regeneration     [193]   
  Non woven, chitin 
blend  

  BSA coating    Tissue regeneration     [197]   

  PLA    Non woven        Tissue regeneration     [193]   
  Non woven        Biomaterial     [160]   
  Non woven        Tissue regeneration     [198]   
      Aligned    Neural tissue engineering     [88]   

  P(LLA - CL)    Non woven        Vascular graft     [199]   
      Aligned    Blood tissue engineering     [93]   
  Non woven        Tissue Regeneration     [174]   

  PLGA        Tubular 
construct  

  Vascular tissue graft
 in vivo  study in sheep  

   [200]   

  Non woven        Tissue regeneration     [193]   
  Non woven, PLGA 
and PLA – PEG 
block copolymer  

      Delivery vehicle, tissue 
regeneration  

   [201]   

  Non woven, 
PEG - heparin 
incorporated in 
fi ber  

      Functionalized tissue 
engineering  

   [195]   

  PU        Aligned    Ligament tissue 
engineering  

   [92]   

   PVA          Aligned, yarn 
made with PVP 
nanofi bers  

   Biomaterial      [202]   

TABLE 13.2. Continued
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  13.5   TISSUE ENGINEERING USING ELECTROSPUN 
NANOFIBROUS SCAFFOLDS 

  13.5.1   Musculoskeletal System -  An Introduction 

 Musculoskeletal injuries are by far the most common type of injury in sports and 
trauma. Recent data reports an increased occurrence of sports and trauma related 
musculoskeletal injuries and this rise can be partially attributed to increase in 
ageing population  [203 – 205] . It is predicted that by 2020, there will be an increase 
in the global ageing population that is expected to lead to a sharp rise in the mus-
culoskeletal disorders in both developed, as well as developing, parts of the world. 
This, in turn, could adversely affect the health care system and economy of nations 
at large  [206,207] . 

 Currently available data indicates that rheumatoid arthritis, osteoarthritis, 
osteoporosis, spine disorders and trauma related injuries and disabilities are the 
major musculoskeletal conditions that present a signifi cant disease burden on 
society  [208,209] . Treatment of musculoskeletal impairment has improved with 
the current clinical therapies and treatment options. Despite the advances in 
clinical research these strategies are limited in terms of improved repair and 
regeneration  [210] . Therefore, tissue engineering strategies that aim to restore, 
maintain or improve tissue function provide an exciting alternative to the existing 
treatment modalities  [211] . 

 This section of the chapter limits itself to tissue engineering for musculo-
skeletal disorders, with a focus on the use of electrospun nanofi bers as potential 
scaffolds for bone, cartilage, skeletal muscle, ligament, and tendon tissue - 
engineering.  

  13.5.2   Tissues of the Musculoskeletal System that Have Been 
Engineered Using Electrospun Nanofi bers 

  13.5.2.1   Bone.     After blood, bone is the second most frequently replaced 
tissue of the human body. Depending on the functional requirement of the body, 
bone tissue has different morphology. Being a dynamic tissue, bone has the ability 
to continuously remodel itself without leaving a scar  [212] . This well - defi ned 
process of remodeling is governed by rapid mobilization of minerals and calcium 
phosphate deposition. 

 Bone homeostasis is attributed to the activities of three cell types: 

  1.      Osteoblasts  -  They are the bone forming cells responsible for the synthesis 
of the ECM and regulation of its mineralization.  

  2.      Osteocytes  -  They are the mature bone cells derived from osteoblasts 
and are responsible for maintaining bone tissue by enzyme secretion and 
blood – calcium homeostasis.  

  3.      Osteoclasts  -  They have the ability to resorb fully mineralized bone tissue 
and are responsible for the controlled break down of bone tissue.    
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 The matrix synthesized by osteoblasts consists of 25% organic matter (that 
includes cells), 5% water and 70% inorganic mineral (hydroxyapatite). A typical 
bone ECM predominantly consists of fi brillar type I collagen (about 100   nm in 
diameter) packed in bundles, thereby increasing the tensile strength of the tissue. 
Further, the bone hardness is maintained by the inorganic hydroxyapatite 
well dispersed within the collagen bundles. Bone regeneration and home-
ostasis is governed by the mechanisms of osteoinduction, osteoconduction, and 
osteogenesis: 

  1.      Osteoinduction  involves the recruitment of immature cells and their stim-
ulation into osteoprogenitors. In the context of tissue engineering, osteo-
induction is the major process of bone healing during fractures.  

  2.      Osteoconduction  involves the growth of bone on the surface. In terms of 
tissue engineering or other bone healing implants, it is the provision of 
scaffold for cells to migrate, differentiate and induce the process of bone 
formation.  

  3.      Osteogenesis  is the process of the formation of new bone by the bone 
cells, osteoblasts. It is the ability of the graft to produce bone by virtue of 
the cellular components.    

 Bone lesions/defects that are less than the critical size defect heal by conven-
tional treatment methods. However, large defects (larger than the critical size 
defect) do not heal and hence need an appropriate treatment such as a bone 
graft or their substitute. Every year, 28.6 million Americans incur a musculoskel-
etal injury  [213] . The current state - of - the - art for treatment of bone defects is 
via autografts, allografts, or xenografts. However, these strategies have been 
limited due to limited availability (autografts), immune rejection and potential 
for disease transfer (in case of allografts and xenografts). 

 Vascularised bone grafts are an alternative to the aforementioned methods. 
The presence of vasculature allows for improved resistance to infection and hence 
a better healing capacity. However, the disadvantages of donor site morbidity and 
multiple surgeries still stand  [214] . 

 Apart from these, metal and ceramic – based implants have been used as an 
alternative to tissue grafts. Metals have the ability to provide immediate mechan-
ical strength at the site of injury but fail to totally integrate with the tissue at that 
site  [215] . The bioactive ceramics that have found application in orthopaedics are 
hydroxyapatite, tricalcium phosphate and bioglass  [216] . Although such grafts can 
show good osteoconduction and integration, they are limited by their brittle 
nature and, hence, may not be suitable for load - bearing applications. Therefore, 
tissue engineering has emerged as an exciting alternative to the aforementioned 
approaches. 

  13.5.2.1.1   Potential Cell Sources for Bone Tissue Engineering.     Mesen-
chymal stem cells (MSCs), also known as bone marrow stromal cells, have been 
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the cells of choice next only to autologous primary cells  [217]  that have been 
used to engineer mesenchymal tissues such as bone and cartilage. Under appro-
priate culture conditions, MSCs can be caused to differentiate into more 
mature cell types of mesenchymal origin such as osteoblasts, chondrocytes and 
myoblasts. Petite et al. demonstrated that MSCs seeded on coral scaffolds led 
to complete bone reconstitution in large bone defects of a sheep model  [218] . 
Bone marrow fi broblasts of human and mouse origin have been demonstrated 
as potential sources in bone regeneration  [219] . The usage of progenitor cells 
from other lineages, including mesodermal origin, has also been explored for 
bone tissue engineering applications  [220 – 222] . Other sources like subcutaneous 
adipose tissue have been explored as additional sources for bone - tissue engineer-
ing  [223,224] . In addition to these, pulp tissue of human teeth has also been 
exploited for the generation of MSCs for potential use in bone - tissue engineering 
 [225] .  

  13.5.2.1.2   Scaffolds for Bone Tissue Engineering.     The scaffold for bone 
tissue engineering should possess critical properties like porosity (pore size 
ranging from 200 – 900    μ m), appropriate mechanical properties, and surface prop-
erties that facilitate cell adhesion and proliferation  [215] . Since the ECM of bone 
is mostly composed of type I collagen fi brous network with hydroxyapatite (HA) 
well distributed in it, the mimic of ECM must resemble the properties of type I 
collagen and HA in combination. The approach of mimicking the ECM through 
scaffold designing has led the researchers to explore nanofi brous scaffolds 
synthesized using the electrospinning technique. Materials that mimic both the 
organic and the inorganic components of bone tissues have been electrospun. 
The inorganic component HA together with its fl uoridates, fl uor - hydroxyapatite 
(FHA), have shown potential as biomaterial for dental applications. Apart from 
possessing requisite mechanical strength, HA and FHA also stimulate positive 
osteoblast response. Kim et al.  [226]  demonstrated electrospinning of HA and 
FHA and synthesized nanofi bers ranging from hundreds of nanometers to several 
micrometers (236   nm - 1.55    μ m) by modulating processing parameters (mainly the 
concentration of polymer solution). Further, FHA nanofi bers demonstrated effi -
cient fl uorine release profi le, thereby making them potential candidates for dental 
applications. 

 Natural polymers like silk have also been explored for bone tissue engineer-
ing primarily due to its inherent biocompatibility, slow - degradability and high 
mechanical properties. In a recent study, Li et al. demonstrated the synthesis of 
silk - PEO nanofi bers using the electrospinning technique  [102] . Highest calcium 
levels with improved bone formation were observed following 31 days of static 
culture of human bone marrow derived mesenchymal stem cells (hMSCs) on 
silk - PEO scaffolds containing bone morphogenetic protein - 2 (BMP - 2) and HA 
nanoparticles. The authors underscored the importance of the combination of 
nano - scale features offered by electrospun fi bers and functional features pro-
vided by BMP - 2 and hydroxyapatite, thereby demonstrating the potential of silk -
 PEO nanofi brous scaffolds in bone tissue engineering. 
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 In addition to natural polymers such as silk and HA, a large number of syn-
thetic polymers - based electrospun nano/micro - fi bers have been studied for bone 
tissue engineering applications. One such polymer, polycaprolactone, has been 
explored in bone tissue engineering primarily due to its low costs, slow degrada-
tion and non - toxic nature. Yashimoto et al. studied the potential of PCL nanofi -
bers in bone tissue engineering when seeded with human MSCs and cultured in 
rotary bioreactors  [227] . Their results demonstrated hardening of cell - matrix con-
structs after a few days, thereby supporting mineralized tissue formation and 
demonstrating the potential of PCL nanofi bers in bone regeneration. 

 In another study, Venugopal et al. synthesized electrospun biocomposite scaf-
folds composed of PCL, hydroxyapatite nanoparticles, and collagen in the ratio of 
60   :   90   :   30  [228] . The rationale for the composition was that PCL provided mechan-
ical strength; collagen (component of the natural ECM) supported cell prolifera-
tion; and HA promoted osteogenesis and bone mineralization. The results 
demonstrated an interconnecting porous structure (porosity - 80%) with fi ber 
diameter ranging from 189    ±    0.026   nm to 579    ±    272   nm that provided suffi cient 
mechanical strength of 1.73   MPa and good osteoblast morphology along with an 
increase in proliferation (up to 35%) and mineralization (up to 55%) as com-
pared to the controls. Therefore, this study demonstrated the potential of PCL, 
collagen and HA in bone - tissue engineering. In a more recent study, Catledge 
et al. synthesized a triphasic scaffold composed of a similar mixture (PCL   :   
collagen   :   HA in a ratio of 50   :   30   :   20) with mean fi ber diameter of 180    ±    50   nm 
closely resembling the collagen fi ber in the ECM of bone  [229] . The collagen 
counterpart played an important role in improving the stiffness of the scaffold as 
indicated by the elastic modulus (highest for collagen/HA: 3.9   GPa) and demon-
strated the potential of the composite scaffold in bone - tissue regeneration. 

 Recent advances in technology have led scientists to develop a strategy of 
guided bone regeneration (GBR). In this approach, a membrane — when placed 
on a defected bone site —  “ guides ”  the growth of the new bone and at the same 
time prevents the in - growth of fi brous scar tissue into the grafted site. GBR has 
been mainly explored in periodontal surgery with success of both non - degradable 
implant and biodegradable membranes. Fujihara et al. reported the phenomenon 
of GBR on nanofi brous surfaces due to the enhanced cell response as compared 
to microfi brous surfaces  [230] . Initial experiments by their group focused on the 
synthesis of GBR membranes composed of PCL nanofi bers with calcium carbon-
ate nanoparticles that promoted osteoconduction and served as bone - fi lling 
material. The GBR membrane, however, lacked the requisite tensile strength. In 
later studies, they provided a supporting PCL nanofi brous layer to the mechani-
cally stable composite of electrospun PCL nanofi bers and demonstrated its 
mechanical stability by stretching it to around 200% strain without physical dis-
ruption. Further, the authors demonstrated osteoblast proliferation on the PCL/
CaCO3 composite nanofi bers on GBR membranes thereby their potential in 
bone tissue engineering. Approximately at the same time, another type of 
composite electrospun PCL mats impregnated with calcium carbonate or HA 
particles were synthesized by Wutticharoenmongkol et al.  [231] . They demon-
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strated an increase in fi ber diameter with an increase in concentration of nanopar-
ticles as well as the base PCl solution. Also, high concentration of nanoparticles 
led to improved tensile strength of the mats. Their further  in vitro  studies demon-
strated the potential of PCL - HA mats as bone scaffolding material due to 
osteoblast - promoting activity of HA with no threat to osteoblasts and mouse 
fi broblasts. 

 Silica has also been investigated as a potential candidate for bone - tissue 
engineering as it possesses silanol groups that are essential for apatite formation, 
thus resembling bone  [232] . Sakai et al. demonstrated the proliferation of osteo-
blasts on electrospun nanofi brous meshes of silica. It was the fi rst study of its 
type that reported apatite formation and its morphology on electrospun silicate 
fi bers thereby confi rming the bone bonding ability essential for bone - tissue 
engineering. 

 In the recent past, there has been an effort to develop active ceramic - 
biodegradable polymer composites in bone - tissue engineering to overcome the 
brittleness of the ceramic component and low mechanical strength of the poly-
meric component. However, this can potentially lead to other problems, such as 
decreased affi nity of hydrophilic ceramic for organic solvent and hydrophobic 
polymers, thereby resulting in poor/uneven dispersion of the ceramic component 
within the polymeric matrix. Hence, Kim and co - workers designed a novel com-
posite system composed of uniformly dispersed hydroxyapatite powder in PLA 
solution. The use of a surfactant, 12 - hydroxysteric acid ensured uniform distribu-
tion of HA powder within the PLA matrix  [233] . Electrospun nanofi brous 
HA - PLA mesh composite demonstrated improved osteoblast attachment, 
spreading and proliferation. Further, they demonstrated higher alkaline phospha-
tase (ALP a phenotypic marker of bone forming cells) expression on composite 
scaffolds as compared to plain PLA scaffolds, thereby establishing their potential 
in bone regeneration. 

 Electrospun matrices generated by synthetic polymers have demonstrated 
advantages in terms of better cell adhesion and proliferation; however, their 
hydrophobic nature has limited their use in certain tissue engineering applica-
tions. Hence, there have been attempts to augment the hydrophilicity of these 
polymers by blending them with hydrophilic polymers. A study by Spasova et al. 
explored the possibility of imparting hydrophilicity to hydrophobic PLLA elec-
trospun scaffolds by the incorporation of varying amounts of PEG, a hydrophilic 
polymer. Nanofi brous PLLA - PEG electrospun meshes were synthesized by 
varying the concentrations of PLLA as well as PEG and the applied fi eld strength 
 [234] . The PEGylated scaffolds demonstrated uniform cell adhesion (both osteo-
blasts and fi broblasts) on all electrospun meshes irrespective of PEG concentra-
tion. Furthermore, in long - term cultures, the authors reported the organization of 
osteoblast - like cells into tissue - like structures, particularly on scaffolds with the 
highest concentration of PEG (PLLA   :   PEG at weight ratio 70   :   30). This study 
indicates that the presence of a hydrophilic polymer could modulate the cell 
response, thereby resulting in controlled cell adhesion, and can play a key role in 
scaffold design for application in bone - tissue engineering. 
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  In vivo  bone regeneration using nanofi ber - based scaffolds was demonstrated 
by Shin et al. who reported the osteogenic differentiation ability of MSCs seeded 
on PCL electrospun scaffolds in a rat model  [235] . The initial differentiation of 
MSCs (isolated from rat bone marrow) on PCL matrices was performed in rota-
tional oxygen permeable bioreactors for four weeks, followed by  in vivo  implan-
tation in the omentum of a rat model. They demonstrated successful differentiation 
of MSCs into osteoblasts with laid down osteoids following four weeks of implan-
tation. Further, characteristic mineralization and the presence of collagen type I 
throughout the harvested cellular constructs strengthened the potential for bone 
graft development from highly porous electrospun PCL nanofi bers.   

  13.5.2.2   Cartilage.     Cartilage is a tough, elastic, and fl exible connective 
tissue that comprises cells in combination with a fi brous network. It is an avascu-
lar, alymphatic, and aneural tissue with limited innate ability for repair and regen-
eration  [236] . Cartilage in the human body exists as three types: fi brocartilage, 
elastic cartilage, and hyaline cartilage  [237,238] . Hyaline cartilage is the predomi-
nant type of cartilage that coats the surface of articulating joints  [35,136,239]  and 
hence is referred to as articular cartilage. Healthy articular cartilage is a water 
rich tissue (60 – 85%) with the remainder being ECM (mainly collagen type II: 
15 – 22% and proteoglycans 4 – 7%) and chondrocytes (2 – 5%). High water content 
enables cartilage to withstand the forces associated with joint loading. Chondro-
cytes are the only cellular component of normal cartilage. Although low in 
number, chondrocytes continuously remodel and organize the surrounding ECM 
in a unique and complex anisotropic structure  [136] . 

 Collagen type II is the predominant component of cartilage ECM and pro-
vides tensile strength, whereas macromolecules - like glycosaminoglycans (GAGs) 
produced by chondrocytes contribute to the viscoelastic property of cartilage. 
GAGs attached to protein molecules form proteoglycans that impart compres-
sive strength to cartilage tissue  [136,239] . Cartilage defects, irrespective of their 
origin, are not life - threatening, but result in debilitating affl iction and gradual loss 
in mobility  [240] . Statistical data indicates that the disorders linked with damaged 
cartilage have rapidly increased in the last century and are expected to affect a 
large section of the population worldwide in the future  [3,203] . Currently avail-
able treatment options heavily rely on tissue grafts (autograft and allograft) or on 
artifi cial prosthetic joints. Although a fair degree of success has been achieved 
with these treatment methods, challenges such as limited availability and donor 
site morbidity (autograft), disease transmission, and immunogenic response 
(allograft) still remain  [3] . Total joint replacement is a successful treatment in 
most severe cases of arthritis; however, the implant has a limited life span, with an 
average of 10 – 15 years  [241,242] . 

 When cartilage is damaged or injured, a cascade of events occurs to restore 
and repair the damaged tissue. Only full thickness defects that penetrate the 
subchondral bone elicit a healing response  [243] . Furthermore, despite the elicita-
tion of repair processes in full thickness defect, mechanically inferior fi brocarti-
lage is formed  [240] . Consequently, a sequential permanent loss of structure and 
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function of cartilage occurs. Thus, there is a need for an alternative strategy that 
can promote cartilage tissue regeneration and restore normal functioning of 
the joint. 

 Cartilage is a relatively simple tissue, as it does not require vasculature 
for maintenance and consists of only a single cell type. Thus, it is well suited for 
tissue engineering, which involves an appropriate combination of scaffolds, 
cells and chemical cues (GFs) for structural and functional regeneration of 
cartilage  [240] . 

 As stated earlier, type II collagen and proteoglycans form a fi brous mesh and 
are the major constituents of the ECM of articular cartilage  [35] . Thus, electros-
pun polymeric nanofi bers that can mimic ECM constituents may have the poten-
tial to facilitate cartilage regeneration  [36] . 

  13.5.2.2.1   Potential Cell Source for Cartilage Tissue Engineering.     
Transplantation of cells at the defect site is an approach that can provide a new 
cell population at the site of damage, which in turn can lead to ECM production 
 in vivo   [244] . Brittberg et al. reported a cell - therapy - based approach for repair of 
injured cartilage in human knee joints. Autologous chondrocytes were isolated 
from a healthy site (upper medial femoral condyle of the damaged knee), cul-
tured  in vitro , and then re - implanted at the damaged site  [12] . Their results dem-
onstrated that the defects treated with autologous chondrocytes were eventually 
fi lled with hyaline cartilage with a gradual reduction in disease symptoms  [12] . 
Although autologous chondrocytes are promising candidates, they are available 
in limited numbers. Consequently allogenic cells were used for cartilage repair. 
Freed et al. reported the possible use of allogenic chondrocytic cells for  in vivo  
application in rabbit cartilage repair; however, the regenerated subchondral bone 
was not similar to the native subchondral bone  [245] . In spite of the potential for 
using chondrocytes from autologous and allogenic sources for cartilage regenera-
tion, the limited number of chondrocytes ( ∼ 2% of the total weight of cartilage) 
combined with dedifferentiation in monolayer expansion has led to the explora-
tion of alternative cell source. Mesenchymal stem cells [MSCs] can be an attrac-
tive cell source for cartilage repair due to their multipotency, easy availability, 
and demonstrated capability of monolayer expansion  [246,247] . Chemical cues/
growth factors can enhance the chondrogenesis of MSCs  [248,249] . Thus, they 
could be a promising cell source for cartilage tissue engineering.  

  13.5.2.2.2   Scaffolds for Cartilage Tissue Engineering.     The search for 
an optimal scaffold for cartilage tissue regeneration has resulted in the study of 
both synthetic and natural materials including natural constituents of ECM. Col-
lagen type II, the major protein constituent of native ECM of articular cartilage 
has been studied for regeneration of cartilage  [238] . Shields et al. explored the 
potential of electrospun collagen type II nanofi brous scaffolds for cartilage tissue 
engineering  [101] . Their  in vitro  studies demonstrated the ability of chondrocytes 
to adhere, proliferate, and infi ltrate into the scaffold matrix  [101] . The results indi-
cated that electrospun collagen type II scaffolds provide a native environment for 
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growth of chondrocytes  in vitro  and an increase in fi ber diameter had no effect on 
the proliferation of chondrocytes. The ineffi cient mass transfer of nutrients and 
oxygen in a thick scaffold in static culture can lead to necrotic zones in the inte-
rior of scaffolds. Application of dynamic seeding techniques is an effective strat-
egy to overcome the problems associated with static culture and can enhance cell 
proliferation and ECM synthesis  [101] . 

 GAGs play an important role in maintaining chondrocyte cell morphology, 
differentiation, and function  [180,250] . Two abundantly available natural poly-
mers, chitosan and alginate, are GAG mimics that have been explored for nanofi -
ber synthesis by electrospinning  [251] . Bhattarai et al. reported the successful 
proliferation and growth of chondrocytes on both these polymers  [146,178] . 
Alginate nanofi bers were fabricated using PEO as an additive to reduce the 
viscosity of the pure alginate solution and hence enable electrospinning. Their 
 in vitro  studies demonstrated that cartilage chondrocyte - like cells (HTB - 94) 
seeded on the alginate scaffold were viable and maintained their morphology and 
characteristic phenotype after 72 hours of culture  [146] . Another advantage of 
electrospun nanofi brous scaffold over bulk alginate scaffolds is that they do not 
require any precoated adhesion proteins such as fi bronectin or arginine – glycine –
 aspartic acid peptides [RGD] to facilitate cell adhesion  [146] . Therefore, the 
aforementioned studies indicated that alginate nanofi bers could be potential 
scaffolding system for cartilage tissue engineering. 

 In a similar study, Bhattarai et al. assessed the cellular compatibility of chito-
san nanofi brous scaffolds using chondrocytes. Chondrocytes (HTB - 94) seeded on 
chitosan/PEO nanofi brous membranes exhibited a rounded morphology that is a 
characteristic feature of chondrocytes  [178] . In another study, Subramanian et al. 
reported an increased elastic modulus (2.25   MPa) of electrospun chitosan mesh in 
comparison to chitosan cast fi lm (1.19   MPa)  [252] . Their results demonstrated 
better cell attachment and proliferation with chondrocytes onto chitosan nanofi -
brous meshes when compared to chitosan cast fi lm. Therefore, these results dem-
onstrated the potential of chitosan nanofi brous matrices as scaffolds in cartilage 
tissue engineering. 

 Electrospun synthetic biodegradable polymers have also been explored as 
potential scaffolds for cartilage tissue engineering. Shin et al.  [253]  studied the 
potential of PLGA electrospun nanofi brous scaffolds in cartilage regeneration. 
This study demonstrated the effect of content ratio of two different polymers 
(lactic acid/glycolic acid ratio) of PLGA on degradation and mechanical strength 
of scaffold. In their studies, they reported that PLGA nanofi brous scaffolds 
degraded in four to seven weeks, which is suitable to support cell and tissue devel-
opment  in vivo . Further, they investigated the behavior of primary chondrocytes 
on electrospun PLGA nanofi bers and the effect of intermittent hydrostatic 
pressure on cell - seeded scaffolds. Their results demonstrated that electrospun 
nanofi brous PLGA scaffolds were non - cytotoxic and promoted chondrocytic 
proliferation and enhanced synthesis of ECM components. In addition, applica-
tion of intermittent hydrostatic pressure on cell - seeded scaffolds increased cell 
proliferation and synthesis of collagen and proteoglycan  [253] . 
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 Li et al.  [254]  described the potential application of electrospun poly( ε  -
 caprolactone) (PCL) nanofi bers as scaffolds for cartilage tissue engineering. Fetal 
bovine chondrocytes (FBCs) cultured on these scaffolds displayed a rounded or 
spindle shaped morphology that is typical of chondrocytes in contrast to the fl at-
tened and spread fi broblast like morphology that was observed on the tissue 
culture polystyrene (TCPS) surface. Moreover, a 21 - fold increase in cell growth 
and upregulation in gene expression of collagen type II confi rmed the potential 
of PCL nanofi bers in cartilage tissue engineering. In another study, Li et al.  [255]  
studied the infl uence of electrospun PCL scaffolds on the behavior of MSCs. 
Their results demonstrated that the MSCs preserved their phenotype on PCL 
nanofi bers and in presence of transforming growth factor  ß 1 (TGF  ß 1), MSCs 
seeded on PCL nanofi bers differentiated into a chondrocytic phenotype. 

 Electrospun nanofi brous scaffolds mimic the dimensions of collagen fi brils 
present in the native ECM. These nanofi bers maintain the phenotype of chondro-
cytes seeded on their surface. Studies have demonstrated that chondrocytes 
exhibit different proliferation rates on fi ber having different diameters. Li et al. 
demonstrated a signifi cant increase in production of cartilage specifi c markers 
such as collagen type II and type IX, aggrecan and COMP on the electrospun 
fi bers having diameter in the nanometer scale (500 – 900   nm) as compared to the 
fi bers having diameters in the micrometer range (15 – 20    μ m)  [251] . Thus, the 
results indicated that electrospun nanofi brous scaffolds provide a more condu-
cive environment to chondrocytes as compared to microfi brous scaffolds. 

 The aforementioned studies demonstrated that electrospun nanofi bers show 
potential for use as scaffolds in cartilage tissue engineering.   

  13.5.2.3   Skeletal Muscle.     Skeletal muscle is a type of striated muscle that 
comprises the single largest organ of the human body, forming 48% of the human 
body by mass. It is not only highly organized at the microscopic level (a require-
ment to perform function), but is also compartmentalized when observed macro-
scopically. Skeletal muscles are composed of bundles of well organized, dense 
myotubes that are packed in a parallel arrangement to form a muscle fi ber. Each 
fi bril in turn is a multi - nucleated cell derived from myoblasts. The extracellular 
matrix in skeletal muscle tissue comprises of glycoproteins, collagen (mainly type 
I and III) and proteoglycans. These extracellular components govern the response 
to tensile stress. In particular, collagen crosslinking and fi bril organization largely 
determine muscle elasticity  [256] . 

 Defects in skeletal muscle make it incapable of responding to nervous control 
and can lead to various genetic disorders such as muscular dystrophy and spinal 
muscle atrophy  [256] . Muscle structural anomalies can also result from trauma, 
from tumor ablation, and even from continuous denervation. 

 The functional restoration of lost skeletal muscle through free tissue transfer 
from near or distant sites, although common, has been the only alternative  [257] . 
This method has received very limited success primarily due to donor site mor-
bidity and functional loss. Hence, muscle tissue engineering has been explored as 
an exciting alternative. 
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  13.5.2.3.1   Potential Cell Sources for Skeletal Muscle Tissue 
Engineering.     The diseases caused due to skeletal muscle injury have led to a 
considerable interest in skeletal muscle regeneration. During skeletal muscle 
regeneration, myoblasts undergo proliferation, differentiation, and fusion to form 
a multinucleated structure typical of muscle myofi bril. These myofi brils then 
undergo a specifi c arrangement to form a functional muscle. High degree of func-
tional and structural specialization in the adult skeletal tissue results in existence 
of terminally - differentiated cell populations that have lost the capacity to prolif-
erate and to form new myofi brils during tissue repair. Thus, cell replenishment is 
attributed to a store house of undifferentiated cells, called satellite cells, present 
in close contact with the myofi brils  [258] . Under normal conditions, the satellite 
cells remain quiescent and can be activated through signals that are secreted fol-
lowing cell damage. Satellite cells are termed as precursor cells, rather than stem 
cells, due to their ability to produce only a single lineage of cells unlike multipo-
tent stem cells. However, the use of satellite cells in skeletal tissue repair has been 
limited due to the non - availability of a pure populations of these cells. Montarras 
et al. isolated satellite cells by fl ow cytometry using satellite cell specifi c markers. 
These cells, when grafted into muscles of nude mice that lacked dystrophin (a 
protein mutated in patients having Duchenne muscular dystrophy), led to fi ber 
repair  [259] . Satellite cells are the most characterized of all the muscle - derived 
stem cells (MDSCs). MDSCs exhibit varied degrees of pluripotency and can dif-
ferentiate into osteogenic lineage, adipogenic lineage, chondrogenic lineage, or 
skeletal myogenic lineage, depending on the culture conditions  [260] . Further, 
experimental studies have validated the potential use of myoblasts in muscle 
tissue engineering  [261] .  

  13.5.2.3.2   Scaffold for Skeletal Muscle Tissue Engineering.     Appropri-
ate functioning of tissue - engineered skeletal muscle requires the proper organi-
zation of myofi brils, intracellular calcium storage, and acetyl - choline receptors 
that are important for the functioning of the muscle. The orientation of muscle 
cells should be in a direction parallel to each other in order to produce force in a 
desired direction. Thus, the scaffold should allow/facilitate the orientation of 
muscle cells in a parallel fashion. In addition, the scaffold should be biocompati-
ble, moldable to provide suffi cient strength, and must possess a vascular compo-
nent  [262] . Levenberg et al. reported the vascularisation of engineered skeletal 
muscle tissue constructs using a three - dimensional multiculture system consisting 
of myoblasts, fi broblasts, and endothelial cells on biodegradable PLLA/PLGA 
scaffolds  [263] . Their results demonstrated the presence of endothelial vessel 
network throughout the engineered muscle tissue  in vitro  and improved perfor-
mance of the constructs  in vivo  (in a mouse model) following pre - vascularisation. 

 In previous tissue - engineering strategies, myoblasts have been seeded on 
fi brous meshes  [264] , gels  [265] , and in between artifi cial tendons  [266]  with 
limited success. Myoblasts seeded on fi brous meshes were unable to align them-
selves in parallel orientation, while those seeded on gels did not produce forces 
comparable to those of a normal human body. Therefore, to overcome this 
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problem, approaches using contact guidance are being explored that would allow 
the movement of cells along a desired direction. Neumann and co - workers dem-
onstrated alignment of myoblast in a single layer on parallel polypropylene fi bers 
 [267] . As discussed in a previous section, electrospinning offers the ability to 
produce aligned fi bers, thus generating a scaffolding system that could fi nd use in 
skeletal muscle tissue engineering. Riboldi et al. fabricated electrospun polyes-
terurethane microfi bers and explored their potential in skeletal muscle tissue 
engineering  [105] . The rationale for selecting polyesterurethane, a degradable 
block polymer, was primarily due to its  in vitro  and  in vivo  biocompatibility and 
elastomeric behavior. The results of their study demonstrated adherence and pro-
liferation of murine C2C12 muscle progenitor cells following differentiation on 
microfi brous scaffolds as indicated by positive staining for myosin heavy chain 
expression. Further, an elastic modulus of ten MPa was obtained that was compa-
rable to the elasticity of skeletal muscles. Thus, electrospun membranes show the 
potential to be explored as scaffolds for skeletal muscle tissue engineering.   

  13.5.2.4   Ligament and Tendon.     Ligaments and tendons are soft tissues 
that play an important role in musculoskeletal biomechanics. Ligaments connect 
bone to bone, whereas tendons connect muscles to bone. Both these tissues 
possess high tensile strength, which is a characteristic feature of load - bearing 
tissue  [268] . 

 Ligaments and tendons, like most other musculoskeletal tissue, have a hierar-
chical structure that affects their mechanical behavior  [269] . In addition, liga-
ments and tendons can adapt to changes in their mechanical environment due to 
injury, disease, or exercise. Despite the similarity of function and metabolism, 
ligaments are relatively more active than tendons  [270] . 

 Well - suited for their functional role, ligaments are tough fi brous cords, com-
posed of both collagen and elastic fi bers. The elastic fi bers allow the ligaments to 
stretch to some extent. Water constitutes 60% of the wet weight of ligaments. The 
remaining 40% is contributed by other major constituents of ligaments such as 
collagen, proteoglycans, glycoprotein, and elastin. This ground substance is the 
source of viscoelastic properties of ligament. Collagen type I and type III are the 
major constituents, of which type I and III account for 90% and 10% of the wet 
weight of ligaments  [271 – 273] . 

 Tendons are complex structures. ECM of tendon comprises of water (55% of 
the wet weight of tendons), proteoglycans ( < 1%), along with cells and type I col-
lagen (85% of dry weight). Other collagens, such as collagen type III, V, XII, and 
XIV are present in very lesser quantities, while decorin is the predominant type 
of proteoglycan present in ECM of tendon. 

 Both ligaments and tendons have a complex structure, with a hierarchy of 
collagen fi bers with specifi c orientation, which provides tensile strength to the 
tissue. The hierarchical organization consists of collagen molecules, fi brils, fi bril 
bundles, and fascicles that run parallel to the long axis of the tissue. Fascicles have 
fi broblasts sparsely distributed and oriented along the direction of collagen fi bers 
 [274,275] . 
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 Structural components of ligaments and tendon are similar but their 
characteristics may differ. Fibroblasts structure and size varies in ligament and 
tendon. Even diameter of collagen fi bril, ratio of collagen type I to type III may 
vary  [276] . 

 Ligaments surround joints and bind them together by acting as a connecting 
bridge between two bones. They help to strengthen and stabilize joints, permitting 
movement only in certain directions. Thus, any excessive movement of ligament 
or movement in wrong direction can result in ligament rupture and bone injury 
 [277] . When the injury causes total detachment of the ligament from the bone, an 
insertion surgery is recommended. Untreated injuries lead to unstable joints and 
excessive load on cartilage, which may progress into osteoarthritis  [278 – 280] . It is 
important to note that ligaments present in the same joint can differ from each 
other in terms of regenerative capacity  [272,281]  Medial collateral ligament 
(MCL) has better capacity to heal, whereas anterior crucial ligament (ACL), once 
ruptured, cannot undergo self - repair. Thus, ACL, if injured, leads to disability 
because of its poor healing capacity. This is primarily because of the lack of vascu-
lature and limited availability of nutrients to the damaged tissue from synovial 
fl uid (depending on the severity of injury)  [272,281] . 

 Autografts and allografts have been explored for the reconstruction of ACL 
 [282] . Non - biodegradable grafts, and even collagen grafts, could not successfully 
repair and replace damaged ligaments as they were mechanically unstable and 
could not perform the biochemical and physiological function  [283] . 

 Unlike ACL, tendons have the capacity of self repair; however, when the 
defect is too large (that is, beyond self repair), partial or total replacement is the 
only available option  [284] . 

 The drawback associated with the aforementioned strategies has led to 
the implementation of tissue - engineering approaches for ligament and tendon 
repair. 

  13.5.2.4.1   Potential Cell Sources for Ligament and Tendon Tissue 
Engineering.     Autologous tissue specifi c cells are the gold standard for cell 
therapy. Ligaments have a dense ECM and low population of cells makes their 
isolation diffi cult  [285,286] . Therefore, alternative cell sources have been explored 
for ligament - tissue engineering. As stated in the previous sections, MSCs have the 
potential to differentiate into variety of cell types of mesenchymal lineage, and 
thus, are also capable of differentiating into ligament fi broblasts  [287] . Wantanabe 
et al. demonstrated that when MSCs from transgenic rats were injected into MCL 
of wild type rat, MSCs migrated to the injury site of ligament in three days, and 
after 28 days of study, it was found that the MSCs had differentiated into MCL 
fi broblast - like cells following adaptation to the environment  [288] . Previous 
studies have demonstrated that when MSCs were used for tendon repair, there 
was an increase in ultimate stress, modulus and strain energy density when trans-
planted in a collagen matrix  [270] . MSCs have an added advantage of ease - of -
 expansion in cell culture. Thus, MSCs can be used as a potential cell source for 
ligament and tendon repair.  
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  13.5.2.4.2   Scaffold for Ligament and Tendon Tissue Engineering.     In 
order to design a bioresorbable scaffold for supporting and guiding regeneration 
of ligament and tendon tissue, a number of design requirements have to be met. 
Scaffold should be able to promote alignment of the cells and withstand repeti-
tive tensile loading, and should also promote the gradual growth of host ligament 
tissue. Electrospun nanofi brous scaffolds are currently being explored as poten-
tial scaffolds for ligament and tendon repair  [280] . 

 Courtney et al. recently reported the use of electrospun poly(ester urethane) 
urea (PEUU) in soft - tissue engineering. Their studies demonstrated that 
electrospun - PEUU nanofi bers possess elastomeric property and can be well -
 aligned. This attribute can be used to make biomimetic scaffolds for mechanically 
anisotropic soft tissues  [290] . 

 In another study, Basher et al. studied the infl uence of PEUU mesh topogra-
phy (fi ber diameter and alignment) on cell growth and proliferation  [287] . Their 
studies demonstrated that PEUU surfaces allowed for cell adhesion and prolif-
eration. Further, the cells oriented themselves and were aligned in the direction 
of fi ber orientation. Also, aligned nanofi bers showed improved cell adhesion with 
increase in fi ber diameter and was highest for fi bers with the largest diameters. 
Thus, PEUU aligned nanofi bers can be potential scaffolds for ligament tissue 
engineering  [291] . 

 Lee et al. studied the infl uence of fi ber alignment and the effect of mechani-
cal strain direction on the behavior of human ligament fi broblast (HLF). HLF on 
aligned polyurethane nanofi bers (PU) exhibited normal spindle shape and ori-
ented them along the length of the fi ber. Collagen content was used as a param-
eter to study the effect of cyclic uniaxial strain on HLF behavior. It was observed 
that the cells aligned themselves in the direction of aligned nanofi bers and exhib-
ited 150 - times more collagen production when uniaxial strain was applied in the 
direction of cell alignment (that is, longitudinal stretching) as compared to 
unstrained control when uniaxial strain was applied  [92] . 

 Using biomimetic approaches for designing scaffolds has been a popular 
method in tissue engineering. However, interphase tissue engineering has 
emerged as an interesting approach for subchondral defects, wherein the scaffold 
has two different phases that mimic cartilage and bone. ACL connects to sub-
chondral bone through an interface wherein three distinct tissue regions — namely, 
ligament, cartilage and bone — work in an integrated way such that load is dissi-
pated to bone with minimal stress on the interphase. Spalazzi et al. recently 
reported a study which suggests that multi - tissue regeneration on a single scaffold 
is possible through interphase tissue constructs. The study further suggests that it 
is possible to mimic the multi - tissue organization present at the native ligament -
 to - bone insertion site, and each phase of the triphasic construct could form the 
corresponding tissue in which it has been inserted  [292] . Knitted microfi bers are 
considered to possess better mechanical strength, while nanofi bers have large 
surface area. Combination of nanofi bers and microfi bers can provide a novel scaf-
fold for tissue engineering with enhanced properties. Hybrid nano - microfi brous 
scaffold were fabricated by electrospinning PLGA nanofi bers on the surface of 
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knitted microfi brous PLGA scaffold. Porcine bone marrow stromal cells seeded 
on these scaffolds demonstrated better cellular adhesion and proliferation 
as compared to the control. Increased production of ECM and specifi cally 
enhanced expression of collagen - I, decorin, and biglycan, was observed on nano -
 microfi brous scaffolds compared to control of only PLGA - knitted fi bers. Thus, 
novel nano - microfi brous scaffolds could be a potential scaffold for ligament and 
tendon tissue engineering  [96] . 

 Therefore, electrospun nanofi brous constructs can be manipulated to form 
appropriate scaffolds for ligament tissue engineering. 

 Although there have not been any studies on the use of electrospun nanofi -
bers for tendon repair, it is intuitive to believe that aligned nanofi brous scaffolds 
can serve as potential scaffolds for tendon tissue engineering as well  [293] . 
Table  13.3  provides a summary of the electrospun scaffolds applied in tissue 
engineering.       

  13.6   CONCLUSIONS AND FUTURE DIRECTIONS 

 The fi eld of tissue engineering is less than three decades old and the progress 
made has been impressive. With the advent of novel biomaterials and processing 
technologies for biomaterials, scaffolding systems have improved signifi cantly in 
the recent past. The fabrication technique plays a very important role in deter-
mining the kind of scaffold generated. Amongst the nanostructured scaffolds, 
nanofi bers have been the choice for scaffold development. These continuous 
fi bers with diameters in the nanometer scale have advantages of possessing high 
porosity, and high surface area to volume ratio that enable the cells to perform 
their functions, while providing for appropriate nutrient and waste transfer. More 
importantly, they possess physical similarity to the native ECM components. 
Hence, they are being explored by tissue engineers throughout the world for the 
regeneration of a wide variety of tissues of the human body. Electrospinning has 
emerged as a simple and versatile technique for the generation of ultrathin fi bers 
that can potentially mimic the ECM components of tissue, that is, native environ-
ment of the cell. Nanofi bers have revolutionized the fi eld of tissue engineering by 
providing ECM mimicking via a relatively easy fabrication method of electros-
pinning. Variants of electrospinning technique in terms of collector plate as well 
as spinneret are now being explored. For instance, co - electrospinning involves the 
synthesis of nanofi ber with coating of another fi ber on it and has been used for 
the synthesis of core - shell type nanofi bers and incorporation of sensitive com-
pounds such as growth factors in the core. 

 This chapter provided a brief understanding of the scaffolds synthesized by 
electrospinning technique and their role in musculo - skeletal tissue engineering. 
There is description of the state of the art of each musculo - skeletal tissue in terms 
of  in vitro  and  in vivo  studies. The process of development of a nanofi ber based 
bio - mimetic scaffolds is still in its initial stages and has a long way to go before it 
can be made available commercially for clinical use.  



 TABLE 13.3.     Application of Electrospun Nanofi bers in Tissue Engineering 

   Type of tissue 
engineering     Polymer scaffold     Cell type     Group (and Reference)  

  Bone tissue 
engineering  

  Silk - PEO, 
Hydroxyapatite 
nanoparticles  

  Human bone 
marrow derived 
mesenchymal stem 
cells  

  Li et al.  [102]   

  Hydroxyapatite and 
fl uor - hydroxyapatite  

   —     Kim and Kim  [226]   

  PLA, hydroxyapatite 
powder  

  Human osteoblast 
like MG63 cells  

  Kim et al.  [233]   

  PLGA, PEO    Human osteoblast 
like MG - 63 cells  

  Spasova et al.  [234]   

  Polycaprolactone    Human mesenchymal 
stem cells (from 
bone marrow of 
neonatal Lewis rat)  

  Yashimoto et al.; Shin 
et al.  [227,235]   

  PCL, hydroxyapatite, 
collagen  

  Human fetal 
osteoblasts;  

  Venugopal et al. 
Catledge et al. 
 [228,229]   

  PCL, calcium 
carbonate 
nanoparticles and 
supporting PCL 
layer  

  Human osteoblast    Fujihara et al. 
Wutticharoenmongkol 
et al.  [230,231]   

  Silica    Human osteoblast 
like MG - 63 cells  

  Sakai et al.  [232]   

  Cartilage 
tissue 
engineering  

  Collagen type II    Adult human 
articular 
chondrocytes  

  Shields et al.  [101] , 
Barnes et al.  [118]   

  Alginate, PEO    Human chondrocyte -  
like cell line  

  Bhattarai et al.  [146]   

  Chitosan, PEO    Chondrocytes    Bhattarai et al.  [178]   
  Chitosan    Chondrocytes    Subramanian et al. 

 [179]   
  PLGA    Primary chondrocytes 

from porcine 
articular cartilage  

  Shin et al.  [253]   

  PCL    Fetal bovine 
chondrocytes; 
mesenchymal stem 
cells  

  Li et al.  [254,255]   

  Skeletal 
muscle 
tissue 
engineering  

  PEU    C2C12, rat myoblasts, 
primary human 
satellite cells  

  Riboldi et al.  [105]   

  Ligament 
and tendon 
tissue 
engineering  

  PEUU     —     Courtney et al.  [290]   
  PEUU    NIH 3T3 Fibroblast    Bashur et al.  [291]   
   Polyurethane     Human ligament 

fi broblast  
   Lee et al.  [92]   
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  14.1   OVERVIEW 

 Design of supermacroporous polymeric materials with controlled porosity and 
gel surface chemistry is important in the fi eld of biomaterials. The macroporous 
gels with a broad variety of morphologies are prepared using cryotropic gelation 
technique, meaning gelation at subzero temperatures (so - called  cryogelation ). 
The cryogelation technique allows for the formation of biocompatible macro-
porous materials with unique properties such as open and highly permeable 
porous structure, tissue - like elasticity, and excellent mechanical strength. Proper 
control over solvent crystallization (formation of solvent crystals) and rate of 
chemical reaction during the cryogelation allows for the reproducible prepara-
tion of macroporous polymeric materials with tailored properties.  

  14.2   INTRODUCTION 

 The development of new macroporous (with pore size above 1    μ m) functional 
polymeric materials for biomedical applications is of great interest. Hydrophilic 
macroporous materials designed from natural and synthetic polymers are impor-
tant in the fi eld of biomaterials and used as matrices for controlled drug delivery, 
as wound dressing and as scaffolds for cell growth within the tissue engineering 
fi eld [Cai et al.,  2002 ; Chen et al.,  1995 ; Hentze and Antonietti,  2002 ; Lai et al., 
 2003 ; Miralles et al.,  2001 ; Peppas et al.,  2000 ; Shapiro and Cohan,  1997 ]. An 
important approach to design the biomaterials is to involve the preparation of 
co - polymers with various functional groups that permit the attachment (grafting) 
of polymer chains with bioactive substances that can induce tissue in - growth. 
The biocompatible synthetic polymers as poly(2 - hydroxyethyl methacrylate) 
(pHEMA) [Kaufman et al.,  2006 ; Kroupova et al.,  2006 ; Vijayasekaran et al., 
 2000 ], poly(ethylene glycol) (PEG) [Sannino et al.,  2006 ; Sawhney et al.,  1993 ] 
and poly(vinylpyrrolidone) (PVP) [Engstr ö m et al.,  2006 ] were shown to be 
attractive for the development of biocompatible materials for drug delivery and 
tissue engineering. Among polysaccharides, alginate, chitosan and dextran have 
found various biomedical applications due to their bioavailability and biocom-
patibility [Ito et al.,  2007 ; Lai et al.,  2003 ; Levesque et al.,  2005 ; Levesque and 
Shoichet,  2006 ; Mi et al.,  2001 ; Miralles et al.,  2001 ; Shapiro and Cohan,  1997 ]. 
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 There are different cross - linking approaches to design degradable hydrogels 
for biomedical applications [Hennik and Nostrum,  2002 ]. Biodegradable macro-
porous material prepared using synthetically adaptable cross - linkers offer a new 
tool in designing the drug delivery systems and in tissue engineering. The majority 
of biodegradable polymers belong to the polyester family. Among these poly( α  -
 hydroxy acids) such as poly(lactic acid), PLA, poly(glycolic acid), PGA and their 
copolymers have been intensively used as synthetic biodegradable materials in a 
number of clinical applications [Gunatillake and Adhikari,  2003 ; Hasirci et al., 
 2001 ]. 

 Design and manufacture of appropriate three dimensional (3D) scaffolds for 
a particular application are of key importance in tissue engineering. The funda-
mental properties of scaffolds are their biocompatibility, adequate degradation 
time, appropriate biodegradation rate (not too fast in a fi rst stage of contact with 
cells and tissues) and proper porous microstructure. Depending on the tissue of 
interest and specifi c application, the requirements for the scaffold material differ. 
The materials should meet several requirements to be used as scaffolds for cell 
applications. The open porous structure and interconnectivity of macropores are 
needed for proper oxygen and nutrients delivery to cells, waste removal, vascular-
ization and tissue in - growth [Peters and Mooney,  1997 ]. Typically, cell scaffolds 
should have a 3D porous structure and its porosity should be at least 90% in 
order to provide a high surface area for maximizing cell seeding and attachment 
[Cai et al.,  2002 ]. Even the pore size is very type - specifi c. It is generally accepted 
that pore size should be in the range of 10 – 400    μ m. Porosity can, however, 
adversely affect important mechanical characteristics of a polymer, requiring 
more complex material design. Pore size, shape, and surface roughness affect cel-
lular adhesion, proliferation and phenotype. Cells can discriminate even the subt-
lest changes in topography, and they are most obviously sensitive to chemistry, 
topography, and surface energy [Burg et al.,  2000 ]. Providing adequate mechani-
cal support is a critical requirement. The porous scaffold should have a mechani-
cal modulus in the range of soft tissues (0.4 – 350   MPa) [Hollister,  2005 ]. Scaffolds 
made using traditional polymer - processing techniques, such as porogen leaching 
or gas foaming, have maximum compressive module of 0.4   MPa [Hollister,  2005 ]. 

 Classical approaches to synthesize the macroporous biomaterials include 
freeze - drying [O ’ Brien et al.,  2004, 2005 ; Patel and Amiji,  1996 ; Wan et al.,  2007 ; 
Yeong et al.,  2007 ], porogenation [Wood and Cooper,  2001 ], microemulsion for-
mation [Bennett et al.,  1995 ], phase separation [Liu et al.,  2000 ; Nam and Park, 
 1999 ] and gas blowing technique [Kabiri et al.,  2003 ; Sannino et al.,  2006 ]. Recently, 
the cryotropic gelation (cryogelation technique), implying the synthesis at sub -
 zero temperature, was intensively employed for the preparation of macroporous 
materials (known as  cryogels ) for biotechnological and biomedical applications 
[Lozinsky et al.,  2002 ; Kumar et al.,  2003 ; Dainiak et al.,  2006 ; Plieva et al.,  2007a ]. 

 In most cases, the macroporous biomaterials with well defi ned porous struc-
ture are produced through freeze - drying technique [Wan et al.,  2007 ; Yeong et al., 
 2007 ] when the porosity is created by the sublimation of frozen solvent (most 
frequently, water or dioxane), and the polymer is concentrated in the thin walls of 
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macropores. However, freeze - dried materials can be produced only as relatively 
thin objects, such as fi lms, plates, or small beads [O ’ Brien et al.,  2004 ]. Besides, 
the freeze - drying procedure is well - known to be a highly energy -  and time - 
consuming process. However, the macroporous gels ( cryogels ) are prepared at 
moderately low temperatures and can be produced in any desirable shape, that is, 
blocks, rods, disks, beads and so on. The cryogels can be produced from practi-
cally any gel forming system with a broad range of porosity, from 0.1 to 200    μ m 
[Lozinsky et al.,  2002 ; Plieva et al.,  2005, 2006a ; Srivastava et al.,  2007 ].  

  14.3   PREPARATION OF SUPERMACROPOROUS BIOMATERIALS 
THROUGH CRYOGELATION TECHNIQUE 

  14.3.1   General Concept of Cryogelation 

 Cryogels are formed as a result of cryogenic treatment (freezing, storage in the 
frozen state for a defi nite time, and defrosting) of low -  or high - molecular - weight 
precursors, as well as colloid systems, all capable of gelling. Cryotropic gelation 
(or cryostructuration) is a specifi c type of gel - formation that takes place as a 
result of cryogenic treatment of the systems potentially capable of gelation. The 
essential feature of the cryogelation is compulsory crystallization of the solvent, 
which distinguishes cryogelation from chilling – induced gelation when the gela-
tion takes place on decreasing temperature (as, for example, gelation of agarose 
or gelatin solutions on cooling, which proceeds without any phase transition of 
the solvent). 

 The processes of cryogelation have some unique characteristics: 

  1.     Cryotropic gelation proceeds in a non - frozen liquid microphase existing in 
a macroscopically - frozen sample. At moderately - low temperature below 
the freezing point of solvent (often water), some part of solvent remains 
non - frozen. All reagents are concentrated in this non - frozen part (so -
 called non - frozen liquid microphase, NFLMP) where the chemical reac-
tion or process of physical gelation proceeds with time.  

  2.     Crystals of the frozen solvent grow until they merge and after melting 
leave behind the interconnected pores, thus playing a role of porogen. As 
the size and alignment of solvent crystals is varied to a large extent, the 
pores in the prepared cryogels are in the range of 1 – 200    μ m.  

  3.     Typically, the critical concentration of gelation (CCG) is decreased 
for cryogels as compared to the conventional gels prepared at room 
temperature due to the concentrating of reagents in NFLMP (so - called 
cryoconcentration).    

 The  cryogels  (referred here as macroporous gels, MGs) are synthesized in 
semi - frozen aqueous media where ice crystals perform as porogen and template 
the continuous interconnected pores after melting. Contrary to conventional gels 
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(which are homophase systems where solvent is bound to the polymer network), 
the MGs are heterophase systems where solvent (water) is presented both inside 
interconnected pores and bound to the polymer network. Depending on the gel 
precursors and chemical reaction used, the micro -  and macroporous structure of 
MGs can be varied to a large extent [Plieva et al.,  2007a ]. In fact, the cryogelation 
technique allows for the formation of biocompatible macroporous materials with 
unique properties such as open and highly permeable porous structure, tissue - like 
elasticity, and excellent mechanical strength of the MGs. It is somewhat diffi cult 
to achieve these properties with other techniques that are being used for the 
preparation of macroporous biomaterials. 

 The MGs are produced via gelation processes at subzero temperatures when 
most of the solvent is frozen while the dissolved substances (monomers or 
polymer precursors of a cryogel) are concentrated in small non - frozen regions 
(NFLMP), where the gel - formation proceeds. While all reagents are concentrated 
in NFLMP, some part of the solvent remains non - frozen and provides the solutes 
accumulated into NFLMP with suffi cient molecular or segmental mobility for 
reactions to perform. An acceleration of chemical reactions performed in NFLMP 
compared to the chemical reaction in bulk solution is often observed within a 
defi ned range of negative temperatures [Lozinsky,  2002 ]. After melting the 
solvent crystals (ice in case of aqueous media), a system of large continuous inter-
connected pores is formed (Figure  14.1 ).   

 Thus the shape and size of the crystals formed determine the shape and size 
of the pores formed after defrosting the sample. In general, the size of ice crystals 
depends on how fast the system is frozen, provided other parameters (such as 

    Figure 14.1.     Schematic presentation of the formation of macroporous gels.  Reproduced 

from [Plieva et al.,  2004b ] with permission.   
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concentration of the dissolved substances, volume, and geometrical shape of the 
sample) remain the same [Lozinsky et al.,  2002 ]. The pore size depends on the 
initial concentration of precursors in solution, their physicochemical properties 
and the freezing conditions [Plieva et al.,  2005, 2006b, 2007a ]. Specifi cally, cryogels 
differ from traditional gel materials due to the system of interconnected macro-
pores (frequently enduring the cryogels with sponge morphology) and due to the 
structure of pore walls formed when a compulsory increase in polymer concen-
tration in non - frozen regions (NFLMP) takes place (enduring the MGs with a 
relatively higher mechanical strength as compared to traditional gels with the 
same formal bulk concentration of the polymer). One of the principal differences 
of MGs compared to other macroporous materials (with the same range of pore 
size) is that the MGs possess tissue - like elasticity and withhold large deforma-
tions without being collapsed.  

  14.3.2   Parameters Infl uencing Cryostructuration (Cryogelation) of 
Polymeric Systems 

 Cryotropic gelation allows for the formation of polymeric materials with essen-
tially different morphology compared to gels prepared in non - frozen media. 
Several parameters should be taken into account when preparing the polymeric 
materials at sub - zero temperatures. Two main processes, namely the chemical 
reaction (which proceeds in NFLMP) and solvent crystalization (which generate 
the interconnected pores) proceed in the semifrozen systems. In order to obtain a 
reproducible freezing pattern, a careful control of all experimental conditions is 
required. Many parameters infl uence the cryostructuration of polymeric systems, 
such as cooling (freezing rate), concentration and composition of gel precursors 
in the initial reaction mixture, thermal prehistory of the reaction mixture, sample 
size, the presence of nucleation agents, and so on. 

  14.3.2.1   Freezing Rate and Freezing Temperature.     The cooling (freez-
ing) rate is one of the crucial parameters to be controlled during the preparation 
of MGs. The lower the freezing rate (or the higher the freezing temperature), the 
bigger the size of growing ice crystals and, as a result, the cryogels with bigger 
pore size are prepared [Plieva et al.,  2004a,b ]. However, at high freezing tempera-
ture there is the risk that the solution to be frozen will be in an overcooled (super-
cooled) state. Overcooling (or supercooling) is defi ned as cooling below the initial 
freezing point of the water without forming ice crystals. This is a non - equilibrium, 
metastable state of water. The nucleation temperature of water is affected by 
both the cooling (freezing) rate, volume of the sample and the addition of a nucle-
ation agent [Chen and Lee,  1998 ; Chen et al.,  1999 ]. So the temperature should be 
low enough to securely freeze the reaction mixture. The faster the freezing (or the 
lower the freezing temperature), the more spontaneous nucleation is promoted, 
and the greater the number of crystals of smaller size [Lozinsky et al.,  2002 ]. 
During freezing of an aqueous solution, one could distinguish at least three essen-
tial temperatures: the fi nal freezing temperature, T f  (defi ned as temperature set in 
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a low temperature thermostat); the solution freezing point temperature (T mc ) and 
actual initial solvent crystallization temperature (T c ). While the fi nal freezing 
temperature (T f ) is programmed, both values (T mc  and T c ) are estimated from 
freezing curves. Analysis of the freezing curves (freezing thermograms) is highly 
instrumental for the determination of phase and structural changes during cooling 
and crystallization within a system [Akyurt et al.,  2002 ; Liu and Zhou,  2003 ; Luyet, 
 1966 ]. In a typical freezing curve, an abrupt rise of temperature indicates the 
appearance of ice crystals and the corresponding temperature is T c , while the 
maximum temperature induced by the released latent heat of crystallization is 
equal to T mc . 

 The freezing curves obtained for the solution of monomers (acrylamide 
(AAm),  N,N ¢   - methylenebisacrylamide (MBAAm) and allyl glycidyl ether 
(AGE)) during the preparation of polyacrylamide MG (pAAm - MGs) at three 
different fi nal freezing temperatures T f  of  − 12,  − 20 and  − 30    ° C showed clearly 
the different phase state of the system under freezing [Plieva et al.,  2006a ] 
(Figure  14.2 ).   

 Overcooling up to  − 11    ° C for two minutes was observed for the reaction 
mixture frozen at  − 12    ° C followed by an abrupt rise of temperature indicating 
that initialized solvent crystallization at T c  about  − 11    ° C. Once the critical mass of 
nuclei was reached (2.6 minutes after the reaction mixture was placed in the low 
temperature thermostat), the system nucleated at temperature T mc  about  − 2.5    ° C, 
(Figure  14.2 ). After crystallization was completed, the temperature dropped 
slowly till the fi xed T f  value of  − 12    ° C was reached. A freeze - concentration process 
occurred as water was frozen out from the solution. The increase in viscosity of 
the unfrozen liquid phase hindered the further crystallization, which was over 
after about eight minutes (Figure  14.2 ). At lower fi nal freezing temperatures (T f  
 − 20 and  − 30    ° C, respectively), the freezing thermograms revealed practically no 
overcooling with a small crystallization plateau near 0    ° C. A small peak observed 

    Figure 14.2.     Thermograms for freezing aqueous solution of acrylamide monomers at  − 12, 

 − 20 and  − 30    ° C in the presence of 1.2% initiating system (APS/TEMED).  Reproduced from 

[Plieva et al.,  2006a ] with permission.   
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at about 3.3 minutes for the thermogram obtained at T f   − 30    ° C (a temperature 
which is below the eutectic point of about  − 20    ° C for water/acrylamide system 
[Plieva et al.,  2006a ] indicated probably the complete crystallization of the liquid 
microphase that is not frozen at higher temperatures. 

 When freezing a dispersed system (as collagen dispersion), the amount of 
bound solvent (in addition to the free solvent) should be taken into account when 
choosing the freezing regime to provide the conditions for ice crystallization. Col-
lagen (one of the most important extracellular matrix (ECM) proteins) is known 
to undergo gel formation on cooling at positive temperatures [Podorozhko 
et al.,  2000 ]. The swelling of collagen particles in aqueous collagen dispersions in 
acidic and basic media governed the ratio of the amount of free solvent to that 
bound by protein, thus promoting the favorable conditions for the effi cient non -
 covalent interactions and gel - formation of this protein. High swelling of collagen 
particles in dispersions in basic and especially in acidic medium was accompanied 
by irreversible change in the morphology of the dispersed particles [Podorozhko 
et al.,  2000 ]. The freezing curves obtained for the 7.5% aqueous dispersions of 
collagen in acidic and basic media at fi nal freezing temperature T f  of  − 25    ° C 
showed how the temperature changed during the cooling of the system that 
contained both free and bound water (collagen dispersion in basic medium at 
pH 12) or only bound solvent (collagen dispersion in acidic medium at pH 3) 
(Figure  14.3 ).   

    Figure 14.3.     Freezing thermograms of 7.5% aqueous collagen dispersions at freezing tem-

perature of  − 25    ° C. Curve 1 for collagen dispersions at pH 12 and curve 2 for collagen disper-

sions at pH 3.  Reproduced from [Podorozhko et al.,  2000 ] with permissions.   
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 A crystallization plateau near 0    ° C was observed for the system that con-
tained both free and bound water (collagen dispersion at pH 12). The change of 
slope for the curve two (collagen suspension at pH 3) at a temperature of about 
 − 15    ° C was treated as the freezing of the bound water [Podorozhko et al.,  2000 ]. 

 A different cooling (freezing) rate of the reaction mixture directly affected 
the porous properties of MGs. Namely, the pAAm MGs formed at different fi nal 
freezing temperatures (T f ) had different fl ow resistances when they were pro-
duced as monolith columns [Plieva et al.,  2004a ]. The water fl ow resistance (esti-
mated as water fl ow path through the cryogel monolith column at a given 
hydrostatic pressure equal to one meter of water column) decreased signifi cantly 
when decreasing the freezing temperature (T f ) from  − 10 to  − 15    ° C (Figure  14.4 ).   

 At lower freezing temperatures smaller ice crystals are formed, yielding 
smaller cross - section area of each macropore, and, therefore, fl ow resistance of 
the cryogel monolith increases. Besides, the gel fraction yield as well as compres-
sive strength were decreased for the pAAm - MGs prepared at T f  of  − 30    ° C (Table 
 14.1 ) [Plieva et al.,  2006a ].   

 The low gel fraction yield for the pAAm MGs prepared at T f  of  − 30    ° C com-
pared to that prepared at  − 12    ° C was due to the quenching of the polymerization 
process when the system was completely frozen (no NFLMP remained) at tem-
peratures below the eutectic point (which for AAm solution is about  − 18    ° C). In 
agreement with high fl ow resistance of the pAAm - MGs prepared at T f  of  − 30    ° C, 
scanning electron microscopy (SEM) analysis revealed no macroporous structure 
formed after polymerization at  − 30    ° C [Plieva et al.,  2006a ].  

    Figure 14.4.     Linear fl ow velocity of water through supermacroporous monolithic cryogels pre-

pared at different temperatures: plain - pAAm (open triangles), epoxy - pAAm (closed squares). 

The fl ow rate of water passing through the monolithic columns was measured at the constant hy-

drostatic pressure equal to 100   cm of water - column corresponding to a pressure of circa 0.01   MPa. 

For each sample the average of three measurements was taken.  Reproduced from [Plieva 

et al.,  2004a ] with permission.   
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  14.3.2.2   Concentration and Composition of Gel Precursors in the 
Initial Reaction Mixture.     An increase in initial co - monomer concentration 
(when other conditions were identical) gives rise to increase in both polymer con-
centration in pore walls and the overall strength of macroporous gel material, but 
results in decrease in interconnectivity of macropores [Plieva et al.,  2005 ]. The 
latter is due to lower amount of solvent, which is frozen out from the more con-
centrated initial solution and, as a consequence, smaller total volume of ice crys-
tals forming the macropores. Pore size and thickness of pore walls in the MGs are 
controlled in a wide range by simply changing the monomer/macromonomer con-
centration in the feed and type of the cross - linker used [Plieva et al.,  2006a,b,c ]. 
The control of pore size also allows for optimizing the availability of the ligands 
coupled to polymer backbone for different biological targets. Depending on the 
potential application, one could, with the same technique, produce materials 
with large pores and porosity up to 90% (e.g., materials attractive as potential cell 
scaffolds) [Kumar et al.,  2006a,b ; Nilsang et al.,  2007 ] or materials with smaller 
pores, thicker pore walls having suffi ciently large interface for interacting 
with biomolecules and good mechanical properties (e.g., materials attractive 
as potential chromatographic adsorbents) [Dainiak et al.,  2004 ; Plieva et al., 
 2004b, 2005 ]. 

 Increasing the concentration of monomers from six to 15% during the prepa-
ration of pAAm - MGs resulted in decreasing the pore volume in the pAAm - MGs 
from 93 to 80% [Plieva et al.,  2005 ]. The same was observed for the preparation 
of MGs from polymeric precursors as polyvinyl alcohol (PVA): the pore volume 
decreased from 91 to 84% when increasing the initial concentration of PVA from 
3.5 to 8% [Plieva et al.,  2006b ]. Typically, the thickness of pore walls was increased 
and interconnectivity of pores was decreased at increasing the concentration of 
monomer or polymer precursors in the initial reaction mixture [Plieva et al.,  2005 ; 
Plieva et al.,  2006a,b ]. The thickness of pore walls along with density of pore walls 
determine the macroscopic mechanical properties of the pAAm - MGs, while the 
pore size and pore wall density affect the accessibility of the ligands chemically 
bound to the polymer backbone [Plieva et al.,  2005 ]. Despite increased density of 
MGs prepared from high monomer concentration, the MGs remained highly 
elastic. The load - displacement curves obtained for pAAm - MGs prepared from 
the feeds with 6, 10 and 15% monomer concentration, respectively, show typical 
behavior of the highly elastic materials (Figure  14.5 ) with extensive fl exibility and 

 TABLE 14.1.     Properties of the  p  AA  m  -  MG  s  Prepared at Different Temperatures 

   Temperature, 
 ° C  

   Gel fraction 
yield, %  

   Compressive 
strength, kPa  

   Watch fl ow at a pressure of 
1 m, watch column, cm/h  

   − 12    79    ±    4    28.3    310  
   − 20    83    ±    3    29.2    215  
    − 30     68    ±    4     21.0     30  

  Reproduced from [Plieva et al.,  2006a ] with permission.  
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shape - recover property against compression. Due to the elasticity and sponge -
 like morphology, most MGs can withstand large deformations and can be easily 
compressed up to 80% without getting mechanically damaged, whereas tradi-
tional polyacrylamide gels are easily destroyed even when deformed less than 
30% [Plieva et al.,  2006a ]. The high elasticity of the MGs was effi ciently exploited 
for the detachment of affi nity - bound bioparticles through the mechanical defor-
mation of the MGs [Dainiak et al.,  2006 ; Galaev et al.,  2007 ]. After releasing 
compression, the MGs immediately adopted initial shape. Due to the mechanical 
stability, the MG monoliths can be compressed repeatedly with no distortion of 
the porous structure. Increasing the concentration of monomers in the initial 
reaction mixture resulted in increasing the mechanical strength of MGs 
[Lozinsky,  2002 ; Plieva et al.,  2006a ; Srivastava et al.,  2007 ].   

 Quite often the MGs prepared at subzero temperatures are more mechani-
cally stable compared to the conventional gels prepared at ambient temperature 
from the same feedstock. The MGs prepared from 3wt% 2 - hydroxyethylcellulose 
(HEC) solution through irradiation with UV - vis light at  − 30    ° C had the storage 
and loss moduli (G ′  and G ″ ) orders of magnitude higher than those for the gel 
obtained from HEC solution irradiated at room temperature (Figure  14.6 ).   

 The reason is that due to the cryoconcentration of HEC chains in NFLMP, 
the polymeric network of HEC MGs was formed from a solution with higher 
HEC concentration. As was mentioned before, the cryoconcentration of the gel 
precursors in NFLMP typically results in lowering the critical concentration of 
gelation (CCG). The lowering of CCG for MGs compared to the conventional 
gels prepared from the same feedstock is the common phenomenon in cryotropic 
gelation [Lozinsky,  2002 ]. 

 The MGs are hydrophilic materials with inert surface when no active 
groups are presented on the cryogel surface. The pAAm - MGs were shown to 
not contain any non - reacted monomer (AAm) as was confi rmed by gas liquid 

    Figure 14.5.     Load - displacement curves for pAAm MGs prepared from different concentra-

tion of monomers: 6% (6 - pAAm), 10% (10 - pAAm) and 15% (15 - pAAm).  Reproduced from 

[Plieva et al.,  2007a ] with permission.   
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chromatography analysis [Plieva et al.,  2004a ]. When the MGs were prepared 
from macromer precursors (as dextran with grafted polymerizable double bonds, 
dextran - methacrylate, dextran - MA), the content of remaining non - reacted mac-
romer (dextran - MA) was hardly detectable (Figure  14.7 ) as demonstrated by 
FTIR analysis [Plieva et al.,  2006c ].   

 The properties of MGs depend on degree and nature of cross - linkers used 
for the preparation of MGs. The highly cross - linked pAAm - MG monoliths (with 

    Figure 14.7.     A fragment of FTIR spectra of dextran (a), glycidyl methacrylate derivatized 

dextran (dx - MA) (b) and polymerized at  − 20    ° C dx - MA (c). Arrow indicates a peak at 813   cm  − 1  

originating from the double bond of the methacrylate group.  Reproduced from [Plieva et al., 

 2006c ] with permission.   

Wavenumber (cm–1)

880 860 840 820 800 780 760

(a)

(b)

(c)T
ra

n
s
m

it
ta

n
c
e

    Figure 14.6.     Variation of elastic (open circles) and loose moduli (open triangles) in the 0.1 –

 10   Hz frequency range of 3wt% aqueous HEC solutions irradiated with UV - vis light at room 

temperature and in frozen state.  Reproduced from [Petrov et al.,  2006 ] with permission.   
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cross - linking ratio vinyl(monomers)/divinyl (cross - linker) of 5 – 10, mol/mol) 
had lower fl ow resistance compared to that of pAAm - MGs formed from 
the feedstock with low content of the cross - linker (MBAAm) in the reaction 
mixture (vinyl/divinyl ratio of 20 – 30, mol/mol). The swelling degree of highly 
cross - linked network of pAAm - MGs was much less compared to the swelling 
degree of the pAAm - MGs with low MBAAm content [Plieva et al.,  2007a ]. 
In general, the swelling degree for the MGs is much lower compared to that of 
conventional gels prepared from the same feedstock (Figure  14.8 ). The MGs 
prepared from both monomer or macromer gel precursors swell much less 
compared to the conventional gels (Figure  14.8 ). Lower swelling ability of MGs 
compared to conventional gels is one of the characteristic features of these mac-
roporous materials.   

 For the MGs with  “ smart ”  properties (as poly -  N  - isopropylacrylamide MGs, 
pNIPAAm - MGs), faster stimuli response to the change of environmental condi-
tions compared to that of conventional pNIPAAm gels was observed [Zhang and 
Chu,  2003 ; Galaev et al.,  2007 ]. It is known that in aqueous solutions, pNIPAAm 
undergoes hydrophobic aggregation followed by the transition from soluble to 
insoluble state when the temperature is increased above a critical temperature of 
32    ° C [Schild,  1992 ]. The swelling degree of pNIPAAm - MGs prepared at subzero 
temperatures was much less compared to the conventional pNIPAAm gels pre-
pared at 22    ° C (Figure  14.9 ) [Zhang and Chu,  2003 ].   

 The swelling of pNIPAAm - MGs depended on the concentration of mono-
mers in the initial reaction mixture and cross - linking degree [Galaev et al.,  2007 ]. 
The sharp transition around 30    ° C was observed for pNIPAAm - MGs in the tem-
perature interval studied from 4 to 40    ° C [Galaev et al.,  2007 ]. The stimuli response 

    Figure 14.8.     The degree of swelling of macroporous gels prepared at subzero temperatures 

(gray bar) and conventional gels prepared at room temperature of 20    ° C (white bar) from 

the same initial reaction mixture. pAAm (polyacrylamide), PVA (polyvinyl alcohol), Dex - MA 

(dextran - methacrylate), Ags (agarose), PEG (polyethylene glycol) and HEMA (hydroxyethyl 

methacrylate).  Reproduced from [Plieva et al.,  2007a ] with permission.   

pAAm PVA Dex-MA Ags PEG HEMA

MGs (cryogels)

Conventional gels
40

20

0

S
w

e
lli

n
g
 b

y
 w

e
ig

h
t 
(g

/g
)



512 DESIGN OF SUPERMACROPOROUS BIOMATERIALS VIA GELATION

of pNIPAAm - MGs to a temperature change from 19    ° C to 37    ° C was very fast. 
The lower the total monomer concentration and the cross - linking degree of 
pNIPAAm - MGs, the higher was the change in swelling and the larger amplitude 
of mechanical deformation occurred when the temperature was changed from 
19    ° C to 37    ° C and backwards (Figure  14.10 ).      

    Figure 14.9.     Swelling ratios of the pNIPAAm gels in distilled water at room temperature. 

 Reproduced from [Galaev et al.,  2007 ] with permission.   
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and Chu,  2003 ] with permission.   
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  14.4   PREPARATION OF MACROPOROUS GELS ( MG  S ) FROM 
DIFFERENT GEL PRECURSORS 

 MGs with a broad range of porosities are produced at moderately low tempera-
ture, namely in a temperature range of  − 10 to  − 20    ° C. The MGs prepared through 
the cryogelation technique can be divided in two main groups: thermo - reversible 
physically cross - linked MGs (where the MG network is formed through hydro-
gen - bond formation) and thermo - irreversible covalently cross - linked MGs (when 
the MG network is formed through covalent bond formation). Different macro-
porous cryogel systems were prepared through cryogelation approaches as poten-
tial materials for biomedical applications (Table  14.2 ). The porosity of such 
biomaterials can be varied to a large extent depending on the physical - chemical 
properties of the used gel precursors and particular application of MG.   

  14.4.1   Physically Cross - Linked  MG  s  

 The physically cross - linked MGs were prepared through physical gelation at 
subzero temperatures of both natural biocompatible polymers such as agarose 
[Plieva et al.,  2007b ] and collagen [Podorozhko et al.,  2000 ] or synthetic polymer 
such as PVA [Bajpai and Saini,  2005a,b ; Kokabi et al.,  2007 ; Lozinsky,  1998 ; 
Lozinsky and Plieva,  1998 ; Nho and Park,  2001 ]. 

 Among the physically cross - linked MG biomaterials, the MGs prepared from 
polyvinyl alcohol (PVA) are the most utilized (Table  14.2 ). PVA is known to be 
non - toxic [DeMerlis and Schoneker,  2003 ] and a readily available synthetic 
polymer widely used in biomedical [Hassan and Peppas,  2000 ; Hassan et al.,  2000 ; 
Peppas and Mongia,  1997 ] and biotechnological [Lozinsky and Plieva,  1998 ] 
applications. PVA with high deacetylation degree (DH more than 97%) is a 
hydrophilic polymer that in concentrated aqueous solution can form weak gels 
during prolonged storage at room temperature because of the formation 
of hydrogen bonds between polymer molecules. The cryogelation technique 
facilitates the gelation process as a result of the increased concentration of the 
dissolved macro molecules in the unfrozen liquid microphase. 

 As a result of cryoconcentraton, PVA chains form ordered structures known 
as microcrystallinity zones which function as physical cross - links and are formed 
only when  - OH groups are free to participate in such interactions [Hassan et al., 
 2000 ; Lozinsky,  1998 ]. 

 Typically, the PVA with DH more than 97% is used for the preparation of phys-
ically cross - linked elastic cryogels with high mechanical strength and chemical 
stability. Two main approaches are used for the reinforcement of physically cross -
 linked PVA cryogels. First, the porosity and mechanical strength of PVA cryo-
gels is regulated by the thawing rate; the lower the thawing rate, the higher the 
mechanical strength of the prepared PVA cryogels [Lozinsky,  1998 ]. The reason 
is that the slow thawing ensures the prolonged duration of the PVA sample at the 
temperature range of  − 5 to  − 1    ° C. In this temperature region, the amount of 
unfrozen water is already suffi cient to allow the movements of polymer chains 
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 TABLE 14.2.     The  MG  s  Prepared Through Cryogelation Technique 

   Cryogels     Pore size,  μ m     Mechanism of gelation     Reference  

   Physically cross - linked   
  PVA (DH    >    97%)    Up to 1    Through hydrogen 

bond formation  
  [Bajpai and Saini 
 2005a,b ; Kokabi 
et al.,  2007 ; 
Lozinsky,  1998 ; 
Lozinsky et al., 
1998; Nho et al., 
2001]  

  Agarose cryogel    Up to 500    Through hydrogen 
bond formation  

  [Plieva et al.,  2007b ]  

   Chemically cross - linked   
   Through cross - linking reaction using cross - linking agents   
  PVA (DH    <    90%)    Up to 80    Through chemical 

reaction at acidic 
pH using the 
glutaraldehyde (GA) 
as cross - linker  

  [Plieva et al.,  2006b ]  

  Chitosan    Up to 100    Through chemical 
reaction at pH 5 – 5.5 
using the GA as 
cross - linker  

  [Noir et al.,  2007 ]  

  Agarose    Up to 200    Through chemical 
reaction at pH 
13 using the 
epichlorohydrin 
(ECH) as cross -
 linker  

  [Plieva et al.,  2007b ]  

  Alginate    Up to 100    Through reaction with 
metal ions  

    

   Through free - radical polymerization reaction using APS/TEMED initiating system   
  pAAm, pDMAAm, 
pHEMA, PEG, allyl -
 agarose, dextran -
 methacrylate  

  Up to 200        [Plieva et al., 
 2006a,c ; Plieva 
et al.,  2007a,b,c ]  

   Through free - radical polymerization reaction using UV - vis light irradiation   
  Gelatin -
 methacrylamide  

          [Dubruel et al., 
 2007 ; Vlierberghe 
et al.,  2007 ]  

   Cellulose               [Petrov et al.,  2006 ]  

resulting in entanglement of macromolecular coils [Lozinsky,  1998 ; Lozinsky and 
Plieva,  1998 ]. Thus by simply controlling the thawing rate it is possible to prepare 
mechanically stable and highly - porous PVA cryogel during one cycle of freezing -
 thawing. 
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 In another approach, the repetitive freezing - thawing technique during the 
preparation is used for the reinforcement of the PVA cryogels [Fray et al.,  2007 ; 
Hassan et al.,  2000 ; Peppas and Stauffer,  1991 ; Stauffer and Peppas,  1992 ; Watase 
and Nishinari,  1988 ]. Hassan and co - authors presented a novel group of PVA 
laminate cryogels that could be used for different pharmaceutical applications 
prepared through the additional freezing thawing technique [Hassan and Peppas, 
 2000 ; Hassan et al.,  2000 ]. In that work, the fresh PVA solution was added to 
a previously formed gel and was then subjected to additional freeze - thawing 
cycles to create a layered structure. PVA - MGs found different applications 
in biomedicine due to the biocompatibility of PVA and excellent mechanical 
properties and elasticity which allow for withstanding extensive pressures [Jiang 
et al.,  2004 ].  

  14.4.2   Covalently Cross - Linked  MG  s  

 Covalently cross - linked MGs are produced via two main approaches: through 
cross - linking reaction using an appropriate cross - linker; or through free radical 
cross - linking polymerization reaction using the respective initiators (Table  14.2 ). 
According to the fi rst approach, the cross - linking reaction is performed in par-
tially frozen media using the available cross - linkers such as, for example, glutar-
aldehyde (GA) and epichlorohydrin (ECH). Thus, agarose - based MGs were 
prepared through cross - linking of agarose chains with ECH at high pH value 
[Plieva et al.,  2007b ] and the chitosan -  and PVA - based MGs were prepared 
through cross - linking reaction with GA in acidic medium [Noir et al.,  2007 ; Plieva 
et al.,  2006b ] (Table  14.2 ). 

 According to the second approach, the covalently cross - linked MGs can be 
produced through free - radical cross - linking polymerization reaction using ammo-
nium persulfate (APS) and  N,N,N ¢ ,N ¢   - tetra - methyl - ethylenediamine (TEMED) 
initiating system [Dinu et al.,  2007 ; Plieva et al.,  2005, 2006 ; Yao et al.,  2006a,b ] or 
by UV irradiation of both aqueous solutions and moderately frozen aqueous 
systems [Petrov et al.,  2006 ; Vlierberghe et al.,  2007 ]. 

 The APS/TEMED initiating system is one of the rare initiating systems that 
can be used to initiate the free - radical polymerization reaction of the vinyl mono-
mers at subzero temperatures. In the free radical polymerization reactions, the 
concentrations of the initiator (APS) and activator (TEMED) have a great infl u-
ence on the polymerization rate as well as on the molecular weight of the result-
ing polymers. The polymerization reaction starts with the reaction between APS 
and TEMED to form free radicals to initiate the polymerization reaction of the 
vinyl monomers/or macromonomers as well as the cross - linking of polymer 
chains with the cross - linking monomer (as MBAAm or polyethylene diacrylate, 
PEG - DA). Different MG systems were produced using the APS/TEMED initiat-
ing systems as pAAm - , pDMAAm - , pHEMA - , PEG - , pNIPAAm -  dextran - MA -  
and allyl - agarose based MGs (Table  14.2 ). Among the chemically cross - linked 
monolithic MGs prepared through the free - radical polymerization reaction 
using the APS/TEMED initiating system, the pAAm based MGs are the most 
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characterized [Dinu et al.,  2007 ; He et al.,  2007 ; Plieva et al.,  2004a, 2006a, 2007c ; 
Yao et al.,  2006a,b ]. 

 The advantage of the UV irradiation is the cost effi ciency and the very short 
time needed for an effi cient gel formation. Cellulose based MGs were prepared 
through irradiation of the frozen aqueous solution of HEC with a Dymax 5000 -
 EC UV curing equipment for one to fi ve minutes [Petrov et al.,  2006 ]. The frozen -
 thawed samples were opaque spongy materials, while all samples irradiated at 
room temperature were still liquid - like. 

 Porous gelatin materials with a gradient in pore - size were prepared by cryo-
genic treatment using temperature gradient between the top and the bottom 
phase of the sample [Dubruel et al.,  2007 ; Vlierberghe et al.,  2007 ]. For this 
purpose, gelatin was modifi ed fi rst with methacrylic anhydride to incorporate the 
polymerizable double bonds [Bulcke et al.,  2000 ]. Then hydrogels were formed 
by gelation of an aqueous methacrylamide - modifi ed gelatin solution, followed by 
radical cross - linking using a UV - active photoinitiator and chemically cross - linked 
hydrogels were subjected to a cryogenic treatment [Dubruel et al.,  2007 ] (Table 
 14.2 ). By varying the conditions of the cryogenic treatment, gelatin MGs with dif-
ferent pore morphologies were prepared [Vlierberghe et al.,  2007 ].   

  14.5   CHARACTERIZATION OF  MG  S  

  14.5.1   Pore Volume of  MG  s  

 The determination of absolute values of pore size in macroporous hydrophilic 
MGs presents a challenging problem. First, a signifi cant amount of water is bound 
to the hydrophilic polymer backbone occupying some space in between polymer 
chains. This water is not exchanged freely with bulk water present in the macro-
pores. Different methods were used for the determination of pore volume of 
pAAm - MGs [Plieva et al.,  2005 ]. In the most typical case, more than 90% of 
pAAm - MGs (prepared from 6% monomer concentration) composed of large 
and highly interconnected pores, while the polymer bound water present less than 
10% (Figure  14.11 ).   

 More than 70% of liquid can be squeezed from pAAm - MGs by mechanical 
compression. The total pore volume of pAAm - MGs was estimated using three 
different techniques (Table  14.3 ), namely: from water vapor adsorption experi-
ments assuming that the pore volume is equal to the water volume inside the 
cryogel - minus volume of polymer - bound (adsorbed) water; from uptake of a 
good solvent, water and a poor solvent, cyclohexane. (As the hydrophilic polymer 
did not swell in cyclohexane, the uptake of cyclohexane refl ected only the pore 
volume however, in the dry sample.); and from comparison of the densities of the 
dry and completely swollen cryogel samples.   

 All three methods gave consistent results with a clear tendency of decreasing 
total pore volume from ~90% for pAAm - MGs prepared from 6% monomer 
concentration to ~70% for pAAm - MGs prepared from 20% monomer 
concentration. 
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    Figure 14.11.     Composition of pAAm - MGs. Polymer bound water was quantifi ed by the 

adsorption of water vapors by the dried cryogel sample. pAAm - MGs were dried in an oven at 

60    ° C to constant weight. The dried sample was incubated in a closed chamber saturated with 

water vapors but with no direct contact with water. The water in small pores was quantifi ed as 

the difference between total water and mechanically squeezed   +   adsorbed water.  Reproduced 

from [Plieva et al.,  2004a ] with permission.   

Water in large

superpores that
can be squeezed

from cryogel
mechanically

Water in small
superpores

Polymer

bound

water

Dry

Polymer

1 2 3 4

60

30

0

%

 TABLE 14.3.     Pore Volume of  p  AA  m  -  MG  s  Prepared at  − 12    ° C from the Feedstock with 
Different Monomer Concentration 

   Monomer 
concentration in the 
feed, % w/v  

   Porosity, %  

   Water vapor adsorption     Cyclohexane uptake     Swelling  

  6    93    93    88.4  
  10    86.6    85    86.5  
  15    81.6    79.2    80.2  
  18    74.7    72.5    74  
   22     70.1     68     65.6  

  Reproduced from [Plieva et al.,  2005 ] with permission.  

 The amount of bulk water in MG was determined using differential scanning 
calorimetric (DSC) analysis as the amount of freezable water that is not bound by 
hydrogen bonding [Kim et al.,  2004 ; Plieva et al.,  2005 ; Shibukawa et al.,  1999 ]. 
The amount of freezable water decreased and the amount of bound water 
increased with increasing monomer concentration in the feed for the MGs pre-
pared from PVA (Table  14.4 ). Pore volume estimated from DSC studies was in a 
good agreement with the values of pore volume obtained through water vapor 
adsorption studies as was shown for PVA - MGs [Plieva et al.,  2006b ].   

 Due to the presence of large (capillary - sized) and highly interconnected 
pores, a majority of MGs with pore volume in the range of 85 – 94% can be dried 
with no distortion of the porous structure. Dried MGs re - swell within seconds 
when contacted with water (Figure  14.12 ) [Plieva et al.,  2007a ]. This is one of the 
most important properties of these hydrophilic materials as drying simplifi es 
storage of the MGs.    
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    Figure 14.12.     Swelling kinetics of different MGs: pAAm (closed diamonds), PEG (open 

triangles), dextran - MA (open squares) and PVA (closed triangles) after bringing dry samples 

in contact with water. Swelling kinetics was performed as described elsewhere [Plieva et al., 

 2005 ].  Reproduced from [Plieva et al.,  2007a ] with permission.   
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 TABLE 14.4.     Different States of Water in Monolithic  PVA  -  MG  s  Prepared from Different 
 PVA  Concentration 

   PVA concentration in 
reaction mixture, % w/v     Total water  a)  , %  

   Free water  b)  , %     Bound water  c)  , %  

   DSC     Vapor ads.     DSC     Vapor ads.  

  3.5    95.6    91.8    90.7    3.8    4.9  
  5    94.7    89.6    88.0    5.1    6.7  
   8     94.4     88.0     84.9     6.4     9.5  

  Reproduced from [Plieva et al.,  2006b ] with permission. 
   a) Total water content in cryoPVA was determined as difference between the swollen and dried 
cryogel.  
   b) Free water was determined as freezable water using DSC or as difference between total and 
adsorbed water in water vapor adsorption experiments.  
   c) Bound water was determined as the difference between total and free water when using DSC and 
as the amount of water adsorbed in water vapor adsorption experiments.   

  14.5.2   Characterization of Porous Structure Using 
Different Microscopy Techniques 

 There are no common techniques for the analysis of porous structures of hydro-
philic materials. The most used technique for the analysis of pore size distribution 
in a porous material is mercury porosimetry, but it is not that well adaptable for 
the MGs, due to the soft and hydrophilic texture of these materials. Besides by 
the method described above, the porous structure of the MGs was studied using 
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optical microscopy (OM) [Plieva et al.,  2006b ; Vlierberghe et al.,  2007 ], scanning 
electron microscopy (SEM) [Dubruel et al.,  2007 ; Plieva et al.,  2004, 2006a ; Vlier-
berghe et al.,  2007 ], environmental scanning electron microscopy (ESEM) [Plieva 
et al.,  2005, 2006b ], confocal microscopy (CM) [Dubruel et al.,  2007 ; Plieva et al., 
 2007a ] and microcomputed tomography [Dubruel et al.,  2007 ; Vlierberghe et al., 
 2007 ]. 

 The cryogel backbone was colored with a dye or fl uorescein - probe to be 
visible in OM and CM, respectively. The dye, Cibacrone Blue, was bound to the 
network of PVA to make the structure of PVA - MG visible in OM studies showing 
large interconnected pores surrounded by dense and microporous pore walls 
(Figure  14.13 a). Gelatin cryogel scaffolds studied by optical microscopy showed 
the absence of  “ skin layer ”  which could be a problem for cell in - growth studies 

    Figure 14.13.     Porous structure of MGs visualized by different techniques: optical microscopy, 

OM (a), confocal microscopy, CM (b), scanning electron microscopy, SEM (c) and environmen-

tal scanning electron microscopy, ESEM (d).  OM (a) is presented for PVA - MGs and reproduced 

from [Plieva et al.,  2006b ] with permission. CM (b) presented for pAAm - MGs and reproduced 

from [Plieva et al.,  2006c ] with permission. SEM (c) is presented for dextran - MA - MGs and re-

produced from [Plieva et al.,  2007a ] with permission. The ESEM (d) is presented for PVA - MGs 

and reproduced from [Plieva et al.,  2006b ] with permission.   

(a) (b)

(c) (d)
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[Vlierberghe et al.,  2007 ]. The absence of skin layer was shown also for agarose -
 based cryogels [Plieva et al.,  2007b ].   

 Scanning electron microscopy (SEM) technique, which is suitable to charac-
terize the fi ne structures of porous materials only in the dried state, was shown to 
be the method of choice for the analysis of the porous structure of MGs [Plieva et 
al.,  2006a,b ]. The deformation of the porous structure of MGs due to the process-
ing of the samples for SEM analysis was not that signifi cant and fi ne porous struc-
ture was essentially preserved due to the mechanical stability of pore walls in 
MGs. The pore walls in elastic and spongy pAAm - MGs are formed from highly 
concentrated polymer network due to the pronounced concentration of the dis-
solved reagents. SEM images of dextran - MA - MGs showed the typical structure 
of the MG, consisting of  μ m - in - size interconnected pores surrounded by dense 
non - porous walls (Figure  14.13 b). 

 On the other hand, confocal microscopy (CM) allows for the analysis of the 
shape and size of pores in the macroporous material and offers signifi cant advan-
tages over conventional microscopy in that it reduces  “ out - of - focus - blur ”  in 
images [Hanthamrongwit et al.,  1996 ]. Sample preparation for CM is simple and 
less time consuming, simplifying the processes for fi xation, dehydration, embed-
ding, microtomy and staining required for optical microscopy. A CM image 
obtained for pAAm - MGs (with covalently bound fl uoresceine - probe (fl uores-
ceinamine, isomer I)) is presented in Figure  14.13 c. 

 Other useful technique for characterizations of such materials has been envi-
ronmental scanning electron microscopy (ESEM). The important advantage of 
the ESEM technology is the possibility of monitoring changes in the structure of 
the material whilst allowing the sample to dehydrate slowly [Rizzieri et al.,  2003 ]. 
The ESEM images obtained for the PVA - MGs at high degrees of dehydration 
were similar to the SEM images showing the macroporous structure with inter-
connected pores of hundreds micrometers in size and thin and dense pore walls 
[Plieva et al.,  2005 ] or microporous pore walls [Plieva et al.,  2006b ] (Figure 
 14.13 d). 

 The microcomputed tomography was used for the analysis of porous struc-
ture of the gelatin macroporous gel, prepared through combination of cryogenic 
treatment of a chemically cross - linked gelatin gel, followed by removal of the ice 
crystals formed through lyophilization (freeze - drying technique) [Vlierberghe 
et al.,  2007 ]. The 2D cross - sections of gelatin gel were used to segment the images 
and determine their 3D porosity and pore size distribution using the software 
( μ CTanalySIS) [Vlierberghe et al.,  2007 ]. For determination of the pore size dis-
tribution, each pore was fi lled with the largest sphere possible (the so - called 
 “ maximum opening ” ). The total volume fi lled by this maximum sphere was deter-
mined during the analysis. Subsequently, the software fi lled the total volume of 
each pore with a smaller sphere, while its total fi lling volume was determined. 
This process continued until the total volume of each pore was comprised with 
the smallest inscribed sphere, with a size of one voxel (Figure  14.14 a). From this 
analysis, data for all pores were acquired. The microcomputed tomography ( μ  -
 CT) 3D images clearly showed that all pores in gelatin macroporous gels were 
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    Figure 14.14.     (a) Principle of the pore analysis performed by software ( μ CTanalysis) in 

microcomputed tomography analysis.  Reproduced from [Vlierberghe et al.,  2007 ] with per-

mission.  (b) Reconstruction of a section of the rapidly cooled gelatin (type IV), obtained using 

microcomputed tomography analysis. The pores are dark gray, and the scaffold material is 

light grey. The scale bar represents 1000    μ m.  Reproduced from [Vlierberghe et al.,  2007 ] with 

permission.   

(a)

(b)

interconnected [Vlierberghe et al.,  2007 ]. All changes in porosity were possible to 
visualize using the 3D    μ  - CT images. For example, the 3D image of the rapidly 
cooled gelatin visualized very clearly a central region where the porosity was 
much lower compared to other parts of the macroporous gel (Figure  14.14 b). This 
corresponded well with the zone where the two cooling surfaces (started from the 
top and bottom of the sample) coincided [Vlierberghe et al.,  2007 ].     
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  14.6   BIOMEDICAL APPLICATION OF  MG  S  

 The main applications of MGs with different porosity are listed in Table  14.5  and 
are defi ned by their porosity, surface properties, elasticity and mechanical strength. 
Thus the highly elastic and mechanically stable MGs with pore size up to 100    μ m 
(as physically cross - linked PVA - MGs) were shown as promising biocompatible 
porous materials for cartilage replacement [Covert et al.,  2003 ; Jiang et al.,  2004 ; 
Swieszowski et al.,  2006 ].   

 The MGs with pore size up to 200    μ m (which are characterized by high elas-
ticity and sponge - like morphology) have an enormous potential as 3D porous 
scaffolds for cell culture applications. The highly elastic and sponge - like MGs 
meet most of the requirements to be suitable as 3D - scaffolds for cell cultivation. 
The MGs are highly porous, can be prepared from biocompatible precursors 
and can be produced in different formats. The MGs can be designed as non -
 degradable [Kumar et al.,  2006a,b ; Plieva et al.,  2006a,b ] or with controlled degree 

 TABLE 14.5.     Biomedical Applications of  MG  s  Prepared Through Cryogelation Technique 
and the Macroporous Materials Prepared from Similar Precursors Through Freeze - drying 
Technique 

   Polymer based  

   Approach 
used for the 
preparation 
of scaffolds  

   Pore size, 
 μ m     Application     References:  

  Poly(vinyl alcohol), PVA 
MGs  

  Cryogelation 
technique  

  Up to 1    Cartilage 
replacement  

  [Covert et al., 
 2003 ; 
Swieszowski 
et al.,  2006 ; 
Jiang et al., 
 2004 ]  

  PVA cryogels with 
 Aloe Vera   

  Cryogelation 
technique  

  Up to 1    Wound 
dressing  

  [Park and Nho, 
 2003 ]  

      Freeze -
 drying  

  Up to 65    Wound 
healing  

  [You and Park, 
 2004 ]  

  Gelatin - based MGs    Freeze -
 drying  

  10 – 200    As 3D 
scaffold for 
cell culture  

  [Vlierberghe 
et al.,  2007 ; 
Dubruel et al., 
 2007 ]  

  Gelatin - coated 
polyacrylamide and 
polydimethylacrylamide 
MGs  

  Cryogelation 
technique  

  10 – 200    As 3D 
scaffold for 
cell culture  

  [Kumar et al., 
 2006a,b ; 
Nilsang et al., 
 2007a,b ; Plieva 
et al.,  2007c ]  

   Dextran - based MGs     Cryogelation 
technique  

   10 – 100     As 3D 
scaffold for 
cell culture  

   [Bolgen et al., 
 2007a,b ; Plieva 
et al.,  2006c ]  
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of degradation as was shown for the poly 2 - hydroxyethyl methacrylate (pHEMA) 
based MGs [Bolgen et al.,  2007a ]. The incorporation of the degradable co - 
monomers (as 2 - hydroxyehthylmethacrylate - L - Lactide HEMA - LLA) or 
macromers (as HEMA - LLA - dextran) into the polymeric backbone allows for 
developing MGs with open porous structure and controlled rate of degradation 
level [Bolgen et al.,  2007b ]. The dextran - MA based non - degradable MGs (pre-
pared through the free radical polymerization of dextran - MA macromer at 
 − 20    ° C) were stable for degradation under  in vitro  conditions (37    ° C in PBS buffer, 
pH 7.2) for at least four months (Figure  14.15 a) while incorporating HEMA -
 LLA and HEMA - LLA - dextran degradable grafts into the MGs network resulted 
in pronounced degradation (evaluated as loss of weight) of the MGs (Figure 
 14.15 b).   

 Different MGs were tried as 3D - supports for cell culture applications. These 
MGs can be divided into two categories, one prepared from synthetic precursors 
and other MGs prepared from the natural biopolymers such as agarose, gelatin, 
chitosan and dextran. The pAAm MG, coated with gelatin (which is considered 
as one of the most common materials to facilitate the attachment of anchorage 
dependable cells [Bloch et al.,  2005 ; Kumar et al.,  2006a,b ], were tested as poten-
tial 3D - scaffolds for cell culturing. The human HT116 colon cancer cells were 
effectively attached and colonized onto the gelatin - coated pAAm MGs [Kumar 
et al.,  2006a,b ]. 

 Another type of MG scaffolds was prepared on the basis of natural materials 
as agarose [Bloch et al.,  2005 ], dextran [Bolgen et al.,  2007a,b ; Plieva et al.,  2006c ], 
gelatin [Dubruel et al.,  2007 ] and chitosan (unpublished results). The agarose 
MG scaffolds, prepared at subzero temperature in the shape of small discs with 
thickness of two millimeters, had sponge - like morphology and interconnected 
pores (channels) with size up to 200 – 400    μ m in diameter. The agarose 
scaffolds were coated with gelatin to facilitate the attachment of insulinoma 
cells (INS - 1E). No toxic affect of the agarose cryogel sponge on cell viability 
and proliferation was found. However, the cells displayed low affi nity to agarose 
per se. Insulinoma cells seeded on gelatin - coated sponges attached to the 
cryogel surface and proliferated. The cell monolayer covered 80% of the cryogel 
surface. Both cells attached to gelatin - coated agarose cryogels and 
cells attached to plastic dishes (used as control) demonstrated time - dependent 
increased insulin secretion and approximately equal insulin content [Bloch et al., 
 2005 ]. 

 Mouse fi broblast 3T3 - L1 cells were seeded into the dextran - MA based 
scaffolds to examine the cell attachment and proliferation [Plieva et al.,  2006c ]; 
3T3 - L1 fi broblasts demonstrated attachment to the gel surface and showed the 
spread and elongated shape characteristic for fi broblasts [Plieva et al.,  2006c ]. 
After eight days from the beginning of differentiation in the dex - MG scaffold, a 
change in cell morphology from elongated fi broblasts to regular, round adipo-
cytes was observed. The biological function of the differentiated adipocytes in 
dex - MG scaffolds was confi rmed by the lipolysis assay which showed more than 
2.4 times increased glycerol release from the differentiated adipocytes in 
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comparison to the control, non - differentiated 3T3 - L1 preadipocytes [Plieva 
et al.,  2006c ]. 

 The tissue - like elasticity and open porous structure of the MG scaffolds are 
the unique properties of these materials. The size of pores, hydrophilic/hydropho-
bic balance and elasticity of pore walls can be varied to a large extent when pre-
paring the MGs ’  scaffolds for cell culture application. By introducing special 

    Figure 14.15.     (a) Degradation ratio of Dextran - MA MG scaffold at incubation at 37    ° C and 

pH 7.4. The dextran - MA MGs were prepared from 5% dextran - MA solution at  − 20    ° C.  Repro-

duced from [Plieva et al.,  2006c ] with permission.  (b) Weight loss of non - degradable (cryogel 

I) and degradable (cryogel II and III) MGs. The MGs were dried in air to a constant weight and 

then placed in vials containing 5   ml saline PBS buffer (pH 7.4) at 37    ° C. At selected time inter-

val, the samples were removed from the medium, dried in the air overnight and weighted to 

determine weight loss. Cryogel I represents the MGs consisting of 90wt% HEMA and 10wt% 

HEMA - LLA. Cryogel II represents the degradable MGs consisting of 10wt% HEMA and 90wt% 

HEMA - LLA - dextran. Cryogel III represents the degradable MGs consisting of 10wt% HEMA -

 LLA and 90wt% HEMA - LLA - dextran.  Reproduced from [Bolgen et al.,  2007a ] with permission.   
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functionalities as ECM recognition elements or bioactive substances which 
induce tissue in - growth, it is possible to design the MG scaffolds with bioactive 
ligands. Besides, most of the MGs withstand sterilization by autoclaving [Plieva 
et al.,  2004a,b ] and can be dried and stored in dried state followed by fast re -
 swelling prior to use.  

  14.7   CONCLUSION AND OUTLOOK 

 Macroporous gels (MGs) with a broad variety of morphologies are prepared 
using cryotropic gelation technique meaning gelation at subzero temperatures. 
These highly elastic hydrophilic materials can be produced from practically any 
gel forming system with a broad range of porosities, from elastic and porous gels 
with pore size up to 1.0    μ m till elastic and sponge - like gels with pore size up to 
200    μ m. The versatility of cryogelation technique is demonstrated by use of differ-
ent routes of gel formation (hydrogen bonding, chemical cross - linking of poly-
mers, free radical cross - linking polymerization reaction) mainly in an aqueous 
medium. Proper control over a solvent crystallization (formation of solvent crys-
tals) and the rate of chemical reaction during the cryogelation allows for the 
reproducible preparation of cryogels with tailored properties. The gel surface 
chemistry can be designed depending on particular application. High mechanical 
strength of MGs combined with unique tissue - like elasticity and uniform porous 
structure with large interconnected pores will allow for numerous applications of 
MGs in tissue engineering fi eld. The environmentally - friendly way of producing 
the MGs where no organic solvents are involved makes this approach favorable 
compared to the other mostly - used techniques for the production of macro-
porous biomaterials. Biodegradable as well as non - degradable MGs are produced 
depending on the chemistry of the gelation system.  
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536 BIOMATERIAL APPLICATIONS

  15.1   OVERVIEW 

 The potential use of various types of advanced biomaterials for biomedical 
applications is ever - increasing and development of new types of biomaterials 
and their applications is becoming more and more important and challenging. A 
large number of biomaterials have received great success in their respective 
applications in human health; however, much needs to be done to improve the 
quality of these biomaterials and expand their applications for human healthcare. 
This introductory chapter on biomaterial applications provides a review of some 
of the successes and critical challenges of this fi eld in health - related applications. 
A brief overview of some of the common biomaterial applications is also 
discussed.  

  15.2   INTRODUCTION 

 Biomaterials have shown potential to improve the quality of life for a large 
number of people every year. The range of applications is vast and includes 
important uses such as joint and limb replacements, artifi cial arteries and skin, 
contact lenses, and dental and orthopedic implants. While the implementation of 
some of these materials may be for medical reasons — such as the replacement 
of diseased tissues required to extend life expectancy — other reasons may 
include purely aesthetic ones such as breast implants or cosmetic surgeries. This 
increasing demand arises from an ageing population with higher quality - of - life 
expectations. The use of synthetic or natural materials to improve the health 
conditions of mankind is an established area of research. The range of available 
biomaterials is wide and ranges from hardest of metals like titanium to  “ tissue -
 like ”  soft polymeric hydrogels. The choice of biomaterial depends on the type of 
its application. 

 However, in early times the biomaterials that were used in their natural form 
without much processing often led to infl ammation and non - biocompatibility. 
Modern biomaterial science is characterized by a growing emphasis on identifi ca-
tion of specifi c design parameters that are critical to performance, and by a 
growing appreciation of the need to integrate biomaterial design with new insights 
emerging from studies of cell – matrix interactions, cellular signaling processes, 
and developmental and systems biology. 

 Several advances have been made in understanding disease mechanisms as 
well as human development and repair. These advances provide various clues that 
have improved the quality of biomaterials with better processing, specifi cally 
leading to improved biocompatibility. The advances in material science and other 
engineering fi elds have widened the scope of biomaterials by providing a clear 
understanding of the properties of materials and ways to improve them for spe-
cifi c applications. Biomaterials have an enormous impact on human health care. 
Applications include medical devices, diagnostics, sensors, drug delivery systems, 
and tissue engineering.  
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  15.3   APPLICATIONS IN MEDICINE, BIOLOGY, AND 
ARTIFICIAL ORGANS 

  15.3.1   Cardiovascular Medical Devices 

 Cardiovascular medical devices (CMD) have been used for more than fi ve 
decades for myriad applications that save, prolong, and enhance the quality of life. 
Still, complications are associated with available CMD devices that cause signifi -
cant mortality rates, even years after implantation. Many different biomaterials 
are used in cardiovascular applications depending on the specifi c application and 
the design, for instance, carbon in heart valves and polyurethanes for pace maker 
leads (Figure  15.1 ). Heart valve prostheses are used to replace dysfunctional 
natural valves with substantial enhancement of both survival and quality of life. 
Metallic cylindrical mesh stents are inserted via catheters and without surgery 
during percutaneous transluminal coronary angioplasty (in which balloon is 
threaded into a diseased vessel and infl ated, thereby deforming the atheroscle-
rotic plaque and partially relieving the vessel). These inventions revolutionized 
the treatment of coronary artery disease and myocardial infarction. The synthetic 

    Figure 15.1.     Various pacemaker component designs. Top: Three examples of titanium - 

encased pulse generators. Connector blocks, which serve to attach the pacemaker to the pace-

maker lead, are shown at the top of each pulse generator. Bottom: Various types of insulated 

endocardial and myocardial leads. Note that the lead shown at the center of the fi gure has a 

silicone sewing pad and dacram mesh disk for implant fi xation.   Adopted from chapter 1. over-

view of biomaterials and their use in medical devices, In: Handbook of materials for medical 

devices. Ed. J. R. Davis,  ASM International (USA),  2003 pp. 1  –  11 .   
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vascular grafts are used to repair weakened vessels or bypass blockages, primarily 
in the abdomen and lower extremities. They are also used to obtain vascular 
access for hemodialysis treatment of patients with chronic renal failure. Devices 
to aid or replace the pumping function of the heart include intra - aortic balloon 
pumps, ventricular assist devices, and total implantable artifi cial hearts. Pace-
makers and automatic internal cardiverter defi brillators are used widely to correct 
aberrant life - threatining cardiac arrhythmias (Figure  15.1 ).   

 Most of these devices either alleviate the health conditions for which they 
were implanted or provide otherwise enhanced function and serve well and for 
extended periods the patients who receive them. Nevertheless, device failure and/
or other tissue - biomaterials interactions frequently cause clinically observable 
complications, reoperation or even death.  

  15.3.2   Extracorporeal Artifi cial Organs 

 The term  “ extracorporeal artifi cial organs ”  has been reserved for life support 
techniques requiring the online processing of blood outside the patient ’ s body. 
The substitution, support, or replacement of organ functions is performed. When 
the need is only temporary or intermittent, support may be suffi cient. The oldest 
and most widely employed extracorporeal artifi cial organs include kidney substi-
tute, hemodialysis and hemofi ltration for the treatment of chronic renal failure, 
fl uid overload, and peritoneal dialysis. The blood treatment process of hemoper-
fusion and apheresis technologies, which include plasma exchange, plasma treat-
ment, and cytapheresis, are used to treat metabolic and immunological diseases 
associated with blood. In addition, blood - gas exchangers are used for heart - lung 
bypass procedure, and bioartifi cial devices that employ living tissue in an extra-
corporeal circuit mainly involve artifi cial liver devices. Bioartifi cial liver (incorpo-
rated with hepatocyte) (BAL), constituted with extracorporeal blood circuit and 
bioreactor, is a developing novel medical technology, still in its pre - clinical stage. 
Currently nine bioartifi cial liver support devices are undergoing various stages of 
clinical trials, most of which utilize a hollow fi ber technology. A much larger 
number of BAL systems in preclinical tests have been suggested to show an 
enhanced performance.  

  15.3.3   Orthopedic Implants 

 Metallic, ceramic and polymeric biomaterials are used in orthopedic applications. 
Metallic materials are normally used as load bearing implants such as pins and 
plates and femoral stems, and so on. Ceramics such as alumina and zirconia are 
used for wear applications in joint replacements, while hydroxyapatite is used for 
bone bonding applications to assist implant integration. Polymers such as ultra -
 high molecular weight polyethylene are used as articulating surfaces against 
ceramic components in joint replacements. Porous alumina has also been used as 
a bone spacer to replace large sections of bone that have had to be removed due 
to disease. A summary of prevalent orthopedic biomaterials and their primary 
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 TABLE 15.1.     Orthopedic Biomaterials and Their Primary Uses 

   Material     Primary use(s)  

   Metals       
  Ti alloy (Ti - 6%Al - 4%V), Co - Cr - Mo 
alloy, Stainless steel  

  Bone plates, screws, TJA components, 
screws, cabling  

   Polymers       
  Poly(methyl methacrylate) (PMMA), 
Ultrahigh - molecular weight 
polyethylene (UHMWPE), PLA, 
PLGA, HA/PLGA, PCL  

  Bone cement, low friction inserts for bearing 
surface in TJA, bone tissue engineering 
scaffolds, bone screws  

   Ceramics       
  Alumina (Al 2 O 3 ), Zirconia (ZrO 2 )    Bearing surface TJA components, Hip joints 

(Figure  15.2 ), coating on bioimplants, bone 
fi ller, alveolar ridge augmentation    

   Composites       
   HA/collagen, HA/gelatin, HA/PLGA, 
PLGA  

   Bone graft substitutes and tissue 
engineering scaffolds  

uses are listed in Table  15.1 . These materials are generally used for either fracture 
fi xation or joint replacement. More specifi c orthopedic applications within these 
two categories are listed below. 

   •      Fracture fi xation devices:   spinal fi xation devices, fracture plates, wires, pins 
and screws, intramedullary devices and artifi cial ligaments.  

   •      Joint replacement:   hip, knee, ankle, shoulder and other joint arthroplasty.       

  15.3.4   Dental Implantation 

 A dental implant is an artifi cial tooth root replacement and is used in prosthetic 
dentistry to support restorations that resemble a tooth or group of teeth. There 
are several types of dental implants; the most widely accepted and successful is 
the osseointegrated implant, based on titanium that can be successfully fused into 
bone, when osteoblasts grow on and into the rough surface of the implanted tita-
nium. This forms a structural and functional connection between the living bone 
and the implant. Variations on the implant procedure are the implant - supported 
bridge or implant - supported denture. 

 Three basic types of synthetic materials have been used for fabricating endos-
seous dental implants. These are metals and metal alloys, ceramics and carbons, 
and polymers. Metals and metal alloys, used for clinical and experimental implants, 
have included titanium and titanium alloys, tantalum, stainless steel, cobalt - 
chromium alloys, gold alloys, and zirconium alloys, among others. These materials 
are selected based on their high corrosion resistance, strength, rigidity, ease of 
shaping and machining, and suitability for a wide range of sterilization techniques. 
Although the mechanisms that lead to osseointegration with titanium implants 
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are not fully known, metals in general do not form an interfacial bond with bone. 
The implant is typically connected to bone via a micro - mechanical interlock using 
a variety of surface designs and textures that are used to promote bony in - growth 
and improve the interfacial attachment. There are many implants available, each 
designed for a specifi c function. Most are made of titanium, an inert metal that 
has been proven to be effective at fusing with living bone, a process known as 
 “ osseointegration. ”  The cylindrical or screw type implant, called  “ root form, ”  is 
similar in shape to the root of a tooth with a surface area designed to promote 
good attachment to the bone. It is the most widely - used design and generally 
placed where there is plentiful width and depth of jawbone. Where the jawbone is 
too narrow or short for immediate placement of root form implants, the area may 
be enhanced with bone grafting to allow for their placement. When the jawbone 
is too narrow and not a good candidate for bone grafting, a special narrow implant, 
called  “ plate form, ”  can be placed into the bone. In cases of advanced bone loss, 
the  “ subperiosteal ”  implant may be prescribed. It rests on top of the bone but 
under the gums. The actual implant procedure involves the surgical placement of 

    Figure 15.2.     Typical components found in an assembled total hip replacement (THR) implant. 

It should be noted that this is one of many artifi cial joint designs used in THR arthroplasty. 

For example, implants secured by bone cements would not be porous coated. Similarly, the 

ultrahigh molecular weight polyethylene (UHMWPE) acetabular cup is sometimes not capped 

by a metal (cobalt -  or titanium - base alloys or unalloyed tantalum) shell (a). Acetabular cup 

components, which are fi tted over the femoral head, featuring plasma - sprayed shell with 

anatomic screw hole placement (b).   Adopted from chapter 1. overview of biomaterials and 

their use in medical devices, In: Handbook of materials for medical devices. Ed. J. R. Davis,  ASM 

International (USA),  2003 pp. 1  –  11.    

(a)
Metal acetabular
shell

UHMWPE liner

Femoral head

Porous coating

Femoral stem

(b)
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the implant or implants, a healing period (osseointegration) and implant restora-
tion to replace the missing tooth or teeth. The treatment may be a cooperative 
effort between a surgical dentist who actually places the implant and a restorative 
dentist who designs, prescribes, and inserts the fi nal replacement teeth. Some den-
tists have advanced training and provide both of these services.  

  15.3.5   Bioadhesive 

 There are a number of adhesives and sealants that are suitable for short and/or 
long term biomedical applications. Typical adhesives used in medical products 
include silicones, epoxies, acrylics, and polyurethanes. But perhaps the most inter-
esting materials are those that are aimed at surgical applications. 

 Today, most of these are based on cyanoacrylate materials. Two such com-
mercial products are Dermabond — surgical glue that replaces suture and 
staples — and Liquid Band - Aid — a protective covering for cuts and scrapes that 
acts as a bandage. Both of these products have been developed by  “ Closure, ”  a 
small start - up company located in Raleigh, North Carolina. Now Johnson  &  
Johnson, one of the world ’ s largest manufacturers of heath care products, has 
agreed to acquire the company. Biomaterials are not only used as adhesives for 
the human body, but are also being developed as sealants. 

 In addition to the two products mentioned above, Closure is developing 
several surgical sealants. Omnex, a vascular sealant is about to become available 
in Europe. This sealant can be used to glue blood vessels and will be the fi rst surgi-
cal glue to be used inside the body. A sealant for use after lung cancer surgery is 
at least two years from commercialization, and an orthopedic sealant for tendon 
and muscle repair is at least three years from market. An especially useful fi brin 
glue composition comprises a biocompatible, bioabsorbable, hyaluronic acid 
derivative material, upon which are applied or chemically bonded fi brinogen and 
thrombin, along with other optional constituents, such as additional coagulation 
factors, anti - fi brinolytics, stabilizers, and biologically active substances. The fi brin-
ogen, thrombin and other components can take the form of a dry preparation, an 
aqueous or nonaqueous preparation, or as a combination thereof. Such a fi brin 
glue composition can be placed directly on a wound site and is fully reabsorbed 
into the body. 

 Bioactive materials encourage specifi c reactions between the material and 
the surrounding tissue. One example of such a bioactive material is hydroxyapa-
tite. This polymer is used as a porous coating on hip implants. The coating encour-
ages growth of surrounding tissues that interlock into the pores to help stabilize 
the stem of the implant in the bone.  

  15.3.6   Opthalmologic Applications 

 The different types of eye medical devices such as Ophthalmic Tantalum Clip, 
Conformer Artifi cial Eye, Absorbable Implant, Eye Sphere, Extra Ocular Orbital 
Implant, Keratoprosthesis, Intraocular Lens, Scleral Shell, and Aqueous Shunt 
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are all outcomes of biomaterial applications. The biomaterials for each of these 
devices are generally composed of PMMA, hydroxyapatite and silicon. Glass and 
artifi cial eyes have been made for thousands of years, the fi rst ocular implants 
were developed about 100 years ago. These small spheres of glass or gold were 
later replaced by plastic or silicone spheres; but until recently, the basic design of 
these  “ fi rst - generation ”  implants had changed little over the years. Artifi cial eyes 
are usually made of plastic (acrylic) or glass. Custom artifi cial eyes are hand -
 crafted by highly skilled ocularists (eye makers) to precisely match the natural 
eye. The fi rst ocular implant made of hydroxyapatite was implanted in 1985, after 
several years of preliminary research. The eye muscles can be attached directly to 
this implant, allowing it to move within the orbit, just like the natural eye. 

 Bio - eye hydroxyapatite ocular implant has been described as  “ a dream come 
true ”  by eye care specialists, oculatists, and those familiar with the older, fi rst -
 generation ocular implants. A keratoprosthesis made up of Silicone, hydroxyethyl 
methacrylate (PHEMA), divinyl glycol (DVG), and methyl methacrylate (MMA), 
is a device intended to restore vision to patients with severe bilateral corneal dis-
eases for which corneal transplants are not an option. An extraocular orbital 
implant is a nonabsorbable device intended to be implanted during surgery, 
in which the eyeball or the contents of it are removed. The search for a well - 
tolerated orbital implant which gives an excellent appearance as well as good 
mobility has covered the gamut of autogenous and alloplastic materials and 
implant designs. Almost every conceivable material known to man has been used 
as an orbital implant, including magnets, gold, silver, glass, silicone, cartilage, bone, 
fat, cork, titanium mesh, acrylics, wool, rubber, catgut, peat, agar, asbestos, ivory, 
cellulose, paraffi n, sponge, polyethylene, and hydroxyapatite. 

 In addition, a wide variety of implant shapes have been implanted in order to 
achieve an acceptable cosmetic result including: sphere; sphere with a truncated 
surface; sphere with a truncated surface and small knobs projecting from the 
surface; and so on. An ophthalmic tantalum clip is a malleable metallic device, 
intended to be permanently or temporarily implanted to bring together the edges 
of a wound to aid healing or prevent bleeding from small blood vessels in the eye. 
An intraocular lens, commonly called an IOL, is a tiny, lightweight, clear - plastic 
disk, which is placed in the eye during cataract surgery to replace the eye ’ s natural 
lens. The biomaterial examples of IOL are described in Figure  15.3 .    

  15.3.7   Cochlear Prosthesis 

 Cochlear prosthesis is being clinically used to restore functional hearing in 
patients suffering from profound sensorineural deafness. The device includes one 
or more electrodes implanted in or near cochlea to provide necessary electrical 
stimulation of the remaining auditory nerve fi bers, thereby bypassing the defec-
tive sensory hair - cells. There are many different designs of these devices in various 
stages of testing, development, and availability. The therapeutic benefi t of these 
devices depends upon the type of device and individual patients receiving a given 
device. Cochlear prostheses have evolved from laboratory experiment to a com-
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    Figure 15.3.     Examples of intraocular lenses (adopted from  http://www.microviscphaco.com/ ) 

[I - Lens ®  Intraocular Lenses]  

mercial technology that has benefi ted over 20,000 people. In the past 20 years, 
cochlear prostheses have become multi - channel systems. The fi rst implants 
employed single electrodes, whereas present devices use up to 22 contacts inside 
the scala tympani. In most processing strategies, one electrode is driven at a time, 
although analog drives present currents to all electrodes simultaneously. A 
generic architecture of the cochlear prosthesis has been shown in Figure  15.4 . 
There are currently three commercially available cochlear prosthesis, namely: 
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Nucleus Implant, The Clarion, and Med - EI implant. All are based on different 
strategies that process the incoming signals and send them to the electrodes, 
where they are fi nally converted into audio signals.    

  15.3.8   Drug Delivery 

 The most widespread use of biomaterials in the fi eld of medicine is the area where 
the most - sought aim is to achieve targeted release of drug at predetermined rates. 
Drug - delivery systems can be synthesized with controlled composition, shape, 
size and morphology. Their surface properties can be manipulated to increase 
solubility, immunocompatibility, and cellular uptake. They can be used to deliver 
both small - molecule drugs and various classes of biomacromolecules, such as 
peptides, proteins, plasmid DNA and synthetic oligodeoxynucleotides. For this 
purpose, various synthetic, natural polymers have been employed in various 
forms such as implants, stealth particles, stimuli responsive hydrogels, and 
nanoparticles. 

 Recent examples are polymer - coated stents, which have recently been 
approved both in Europe and the United States. Another strategy that has been 
used in modifying a variety of natural and synthetic polymers has been the inclu-
sion of polyethylene glycol (PEG) into the material to reduce non - specifi c effects 
of protein adsorption and colloidal aggregation. In addition, various controlled -
 release systems for proteins, such as human growth hormone, as well as molecules 
decorated with PEG, such as pegylated interferon, have recently been approved 
by regulatory authorities, and are showing how biomaterials can be used to posi-
tively affect the safety, pharmacokinetics and duration of release of important 
new drugs. Especially particulate drug delivery systems have found great atten-
tion in the research fi elds due to their various benefi cial features over other 
systems. Some of the examples of particulate drug delivery systems are micro-
capsules and microspheres, liposomes which are being used for developing drug 
delivery systems mainly for cancer systems. 

 Apart from using modifi ed polymers alone, polymer drug conjugates have 
also been used for formulation of these particulate devices. Some of the PLGA -
 based particulate drug delivery devices have reached commercialization, the 
most successful being the devices releasing luteinizing hormone for treatment of 
prostrate cancer. Various responsive polymers also fi nd application in drug deliv-
ery, diagnostics and sensing. The most commonly used temperature responsive 
polymer for such applications is poly ( N  - isopropylacrylamide). The other respon-

    Figure 15.4.     Schematic representation of cochlear prosthesis illustrating the generic 

architecture.  
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sive systems include pH - responsive polymers, and phase - separating polymer 
systems based on pluronics; pH - responsive polymer systems have been used as 
mucoadhesive, intracellular drug delivery, and enteric - coated drug delivery. 

 Another approach to creating a biomimetic - reversible system is the creation 
of an antigen - responsive hydrogel. Corresponding antibody pairs are used to form 
reversible non - covalent crosslinks in a polyacrylamide system. In the presence of 
excess - free antigen, the hydrogel swells, but in its absence, the gel collapses back 
to a crosslinked network. Swelling does not occur when foreign antigens are 
added, showing that the system is antigen specifi c. Release of a model protein 
such as haemoglobin has been demonstrated in response to specifi c antigens. 

 A more specialized case of drug delivery is delivery of DNA or genetic mate-
rial to specifi c cells to modify the cellular behavior and treatment of various 
genetic disorders. Gene delivery requires appropriate molecular design, which is 
critical to achieving a successful outcome. Although viral vectors are highly effec-
tive, their use has raised serious safety concerns. To be effective, there are a 
number of attributes that the material must possess, including the ability to con-
dense DNA to sizes of less than 150   nm, so that it can be taken up by receptor -
 mediated endocytosis, the ability to be taken up by endosomes in the cell and to 
allow DNA to be released in active form, and to enable it to travel to the cell ’ s 
nucleus. Cationic polymers have been used mainly for this purpose along with 
modifi ed poly( N  - isopropylacrylamide). Another novel approach for gene therapy 
involves creating a triplex, where low - density lipoprotein is used for targeting and 
stearyl polylysine is used for DNA complexation. This approach has been used to 
deliver vascular endothelial cell growth factor to heart muscle to aid in treating 
blockage of blood vessels.  

  15.3.9   Tissue Engineering 

 The other major area where biomaterials fi nd special applications is in tissue 
engineering. The research in this area is ever - expanding and encompasses tissue 
engineering of bone, blood vessel cartilage, cardiac tissue, peripheral nerve 
system, ligaments, liver and skin. By combining polymers with mammalian cells, it 
is now possible to make skin for patients who have burns or skin ulcers. Various 
other polymer/cell combinations are in clinical trials. 

 Traditional tissue engineering scaffolds were based on hydrolytically degrad-
able macroporous materials; current approaches emphasize the control over cell 
behaviors and tissue formation by nano - scale topography that closely mimics the 
natural extracellular matrix (ECM). Materials composed of naturally occurring 
(biologically derived) building blocks, including extracellular matrix (ECM) com-
ponents, are being studied for applications such as direct tissue replacement and 
tissue engineering. The ECM, a complex composite of proteins, glycoproteins 
and proteoglycans, provides an important model for biomaterials design. ECM -
 derived macromolecules (for example, collagen) have been used for many years 
in biomaterials applications. It is now possible to create artifi cial analogues of 
ECM proteins using recombinant DNA technology. 
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 Through the design and expression of artifi cial genes, it is possible to prepare 
artifi cial ECM proteins with controlled mechanical properties and with domains 
chosen to modulate cellular behaviour. This approach avoids several important 
limitations encountered in the use of natural ECM proteins, including batch - to -
 batch (or source - to - source) variation in materials isolated from tissues, restricted 
fl exibility in the range of accessible materials properties, and concerns about 
disease transmission associated with materials isolated from mammalian sources. 
Elastin - based systems have been of special interest in this regard. Urry and co -
 workers have shown over many years that simple repeating polypeptides related 
to elastin can be engineered to exhibit mechanical behaviour reminiscent of the 
intact protein. 

 The understanding that the natural ECM is a multifunctional nanocomposite 
motivated researchers to develop nanofi brous scaffolds through electrospinning 
or self - assembly. Nanocomposites containing nanocrystals have been shown to 
elicit active bone growth. Incorporation of cell adhesion ligands allows attach-
ment and spreading of cultured cells, and in the specifi c case of materials for vas-
cular grafts, retention of endothelial cell adhesion in the face of shear stresses is 
characteristic of the normal circulation. 

 Recent progress in the development of methods for incorporation of non -
 natural amino acids into recombinant proteins points the way to an alternative 
strategy for preparing artifi cial ECM proteins with diverse chemical, physical, and 
biological properties. Substantially more experience has been gained in evaluat-
ing the  in vivo  performance of engineered biomaterials based on polysaccharides. 
Alginate hydrogels bearing cell - adhesion ligands have been used as scaffolds for 
cell encapsulation and transplantation, and have yielded promising results in 
experiments directed towards the engineering of bone tissue capable of growth 
from small numbers of implanted cells. The prospect of growing tissues from 
small numbers of precursor cells is an attractive alternative to harvesting and 
encapsulating large cell masses before transplantation. Molecular self assembly 
of peptides or peptide - amphiphiles may also lead to unique biomaterials. A 
number of self assembled peptide systems have been developed, including 
systems that can potentially be used in tissue engineering and nanotechnology. 

 An alternative to synthesizing polymers composed of natural components is 
the synthesis of biomimetic polymers, which combine the information content 
and multifunctional character of natural materials (such as a particular amino 
acid sequence that might be desirable for cell attachment) with the tailorability of 
a synthetic polymer, such as control of molecular mass or polymer degradation, 
and the ability to impart appropriate mechanical properties. An example of 
this concept has been the synthesis of polymers composed of lactic acid and 
lysine.  

  15.3.10   Array Technologies and Specifi c Medical Applications 

 A related challenge arises in the engineering of materials for diagnostics and 
array technologies, in which large numbers (typically hundreds or thousands) of 
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nucleic acids,  “ DNA chips, ”  are characterized by high densities of biological infor-
mation. Although these technologies are now highly developed and widely used, 
they are far from optimized. Additional challenges arise in the fabrication of 
protein arrays. Unlike nucleic acids, which share a common physical chemistry 
that is largely independent of sequence, proteins are highly diverse in terms of 
charge, hydrophobic character, and so on. There is as yet no consensus regarding 
the preferred method(s) of array fabrication, and further development will be 
required before protein arrays become widely available for use in research and 
clinical practice. 

 One area of increasing attention has been the development of shape - memory 
materials that have one shape at one temperature and another shape at a differ-
ent temperature. Such materials might permit new medical procedures. For 
example, current approaches for implanting medical devices often require 
complex surgery followed by device implantation. Shape - memory materials 
might provide such an opportunity because they have the ability to memorize a 
permanent shape that can be substantially different from an initial temporary 
shape. Thus bulky devices could potentially be introduced into the body in a tem-
porary shape, like a string, that could go through a small laproscopic hole, but 
then be expanded on demand into a permanent shape (for example, a stent, a 
sheet, and so on) at body temperature. New polymers have been synthesized with 
this concept in mind, including phase - segregated multiblock copolymers whose 
starting materials are known as biocompatible monomers, such as  ε  - caprolactone, 
p - dioxanone, and polydimethacarylate (Figure  15.5 ).   

 The development of high - throughput approaches to create novel biopoly-
mers and screen them for various applications is garnering increased attention. 
For example, polymer libraries have been created and then screened for different 
applications. This type of high - throughput approach has also been used in the 
creation of gene therapy agents. 

 Microfabrication is a new approach that is gaining importance and may play 
a vital role in the development of new biomaterials and delivery systems. They 
have been used to make drug delivery silicon chips containing a combination of 
drugs in different wells and each drug can be released from the wells upon appro-
priate stimulation. Microfabrication has also been used in the creation of sensors 
for treatment of glaucoma as well as for needle - free drug delivery.   

  15.4   BROAD OVERVIEW OF BIOMATERIAL APPLICATIONS SECTION 

 In the application section of this book, various aspects of tissue engineering, syn-
thetic heart valve and blood substitutes have been discussed. In particular some 
interesting aspects of neural tissue engineering have been included in the chapter 
contributed by Surya K. Mallapragada. Briefl y, various aspect of differentiation 
and proliferation of neural progenitor cells (NPC) have been elaborated, includ-
ing current state of the art research in this area. Different parameters affecting 
NPC differentiation and proliferation  in vitro , especially the role of electric 
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    Figure 15.5.     Time series of photographs showing recovery of a shape - memory tube. a – f, Start 

to fi nish of the process; total time, 10s at 50    ° C. The tube was made of a poly( ε  - caprolactone) 

dimethacrylate polymer network (the M n  of the network ’ s switching segments was 104) that 

had been programmed to form a fl at helix.   Adopted from    [3]   .    

(a)

(c)

(e)

(b)

(d)

(f)

stimulus in nervous system development and improving spinal cord injury, and 
the complexities involved in designing such studies have been emphasized. 

 The chapter by Chandra P. Sharma and K. Kaladhar demonstrates the upcom-
ing importance of cell mimetic monolayer and their blood biocompatibility. The 
authors have included various approaches to design monolayer fi lms on surface 
including the fundamentals involved in monolayer deposition on any surface. The 
effect of changing the composition of the lipid (mimicking the cell bilayer) mono-



BROAD OVERVIEW OF BIOMATERIAL APPLICATIONS SECTION 549

layer, integration of various macromolecules (hydrophobic and hydrophilic) and 
variation of hydrophillicty balance by incorporating polyethylene glycol on the 
stability of monolayer deposition have been described. Thereafter various blood 
biocompatibility studies done on stable monolayers have been discussed. 

 Benefi ts of properly purifi ed placental umbilical cord blood as an ideal 
and the true blood substitutes have been discussed in the chapter by Niranjan 
Bhattacharya. The author further supports this with the fact that placental cord is 
a rich mixture of fetal and adult hemoglobin, high platelet and WBC counts, and 
a plasma fi lled with cytokine and growth factors, as well as its hypo - antigenic 
nature and altered metabolic profi le. All these potentialities make this blood a 
real and safe alternative to adult blood, especially in emergencies caused by any 
etiology of blood loss. Further, it may also be used to prevent ischemia and even-
tual hypoxic - triggered organ failure syndromes. The chapter also discusses some 
of the clinical experiences and safety studies of cord blood transfusion. 

 The coating of titanium nitride (TiN) and diamond like carbon (DLC) the 
two ceramic coating are discussed by Muraleedharan et al. for cardiovascular 
applications. Both DLC and TiN exhibit similar properties such as hardness, low 
frictional coeffi cient, high wear and corrosion resistance, chemical inertness, and 
very good processability. The substrate material can be chosen to provide the 
required strength for structural integrity, while coatings can be employed to 
enhance the blood compatibility. TiN and DLC coating exhibit very good tissue 
and blood compatibility and is well tolerated in biological environments. The 
chapter has given insight at the processing, characterization and applications of 
TiN and DLC coatings with a focus on cardiovascular applications. 

 The area of bone tissue engineering using cell - based nanocomposites and 
biomolecules are thoroughly discussed by S. Ramakrishna and cowokers. The 
authors have concluded that tissue - engineered constructs loaded with factors for 
cell proliferation and differentiation can revolutionize the clinical management 
of bone - related diseases and orthopedic applications. The functional nanofi brous 
composites made up of nano - hydroxyapatite and collagen meet the required 
property for a favorable cellular response. The mineralization is also more evident 
in nanofi brous scaffolds than in solid - walled scaffolds for bone constructs. The 
mesenchymal stem cells from bone marrow and the choice of growth factors 
and biomolecules to be incorporated are typically favored in bone repair. Such 
tissue - engineered nanomaterials will be the new - generation bone grafts, judging 
from the nascent state of regenerative medicine, fulfi lling the desired character-
istics of an ideal bone graft in terms of osteconductivity, osteoinductivity, and 
osteogenecity. 

 The chapter by Lu et al. focuses on recently - emerged interface tissue engi-
neering for achieving biological fi xation of tissue - engineered grafts, in particular 
with its emphasis on regenerating the anatomic interface between soft tissues 
(such as ligaments, tendons, and cartilage) and bone. The area discussed can 
enable the development of integrated musculoskeletal tissue systems for total 
joint replacement. The anterior cruciate ligament - to - bone interface as a model 
system is reviewed as efforts in orthopedic interface tissue engineering. 
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 The research focus on unique biocompatible injectable hydrogels for bio-
medical applications is thoroughly elaborated upon by Nair et al. The chapter 
focuses on synthesis and application of photogelling polymer, thermogelling 
polymers, and hydrogels formed by fast chemical reaction/physical transitions. 
The chapter discusses recently - developed injectable hydrogel systems that can 
undergo sol - to - gel transformation in response to light irradiation, to temperature, 
and from chemical or physical reactions. The natural and synthetic polymers used 
for making injectable biomaterials are discussed and their potential applications 
introduced in this chapter.  
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  16.1   INTRODUCTION 

 In the twenty - fi rst century, the world has evolved into a sophisticated society 
whereby affl uence has a direct infl uence of increasing the average lifespan of an 
individual. The aging population is a worldwide phenomenon that brings a new 
set of problems as governments have to battle with the ever - increasing healthcare 
costs whilst delivering healthcare services which are accessible to the public. 
Degenerative bone disorders such as osteoporosis, osteoarthritis (OA) and 
Paget ’ s disease are common in the elderly and often lead to fractures of the bone. 

 It is estimated that 40% of women over the age of 50 will experience an 
osteoporotic fracture. Consequently, joint diseases are prevalent in older patients, 
of which half of all chronic conditions will be associated with patients aged 65 
years and above 1 . Paget ’ s disease is a localized disorder of bone remodeling, 
affecting two to three percent of those over the age of 60 in the U.S. 2  Genetic 
bone disorders such as osteogenesis imperfecta (OI) or brittle - bone disease and 
fi brous dysplasia are some examples that also call for therapeutic treatments. The 
prevalence of OI was reported to range from one per 10,000, to one per 20,000 
live births 3 . In such instances, bone grafts are employed to treat the ramifi cations 
of these diseases that is, to replace the loss of the natural bone. 

 Other cases that involve the use of bone grafts are trauma caused by either 
accidents or falls, and injuries due to sports. Conventional biomaterials that 
involve metals, ceramics, and non - degradable polymers are permanent implants, 
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as these materials do not get resorb in the body. Yet, the risk of implant failure is 
prevalent and remnants of the failed implant will elicit an infl ammatory response, 
hampering bone repair. This calls for a new generation of materials for bone 
applications, particularly tissue - engineered bone grafts, which will be dealt with in 
this chapter.  

  16.2   BONE GRAFTS 

  16.2.1   Current Bone Grafts and Bone Graft Substitutes 

 The gold standard for bone grafts is autologous bone grafts, also known as auto-
grafts, whereby healthy bone tissue is harvested from the patient and implanted 
in the diseased site. One of the major advantages of autografts is that there is no 
immunological response due to host compatibility and the presence of osteopro-
genitor cells and bone morphogenetic proteins (BMPs) needed for bone regen-
eration. The main drawbacks are donor site immobility and risk of infection at the 
site of harvest. Allografts are grafts that are derived from another donor of the 
same species, often from cadavers that are freeze - dried. Some benefi ts of allografts 
include eliminating donor site morbidity caused by bone harvesting from the 
patient and a second operative procedure. One of the disadvantages of allografts 
is the possible immunological response in the patient as allografts are harvested 
from another donor. As such, there is a risk of disease transmission. Furthermore, 
donor shortage may also be an issue. 

 To circumvent some of the defi ciencies associated with autografts and 
allografts, scientists have come up with bone graft substitutes, which consist of 
systems based on deminerialised bone matrix (DBM), bioceramics, BMPs, coral 
and composites. DBM is a processed product of allograft containing growth 
factors, collagen and proteins and it comes in various forms such as putty, inject-
able gel, granules or powder. Since DBM is further processed, the risk of disease 
transmission is reduced but it does not provide a strong framework for bone 
healing. Although bioceramics such as tricalcium phosphate (TCP) and hydroxy-
apatite (HA) do not carry the risk of disease transmission, due to the lack of 
bioactive molecules, bone regeneration may be impeded or the repair may occur 
at a slower rate. 

 Some researchers had attempted to combine autogenous bone grafts and 
DBM to treat tibial and femoral non - unions 4 – 6 . Out of thirty femoral non - 
unions cases, twenty - four were healed within six months after surgical interven-
tion. Four patients needed a second plate before healing took place and the 
remaining two cases were lost to follow - up. Others have shown that demineral-
ized bone matrix gel could be used as a supplement material to compensate 
for the lack of autograft volume without compromising the fusion rates as of 
those who used autografts alone 7 . Different manufacturers have their own pro-
curement, demineralization, and sterilization procedures. Individual DBMs 
are often coupled with different carrier materials such as calcium sulfate, 



554 CELL-BASED NANOCOMPOSITES AND BIOMOLECULES

hyaluronic acid and glycerol. Donor variability is another concern in determining 
the osteoinductivity of the DBM material. It has been demonstrated that various 
commercially - available DBMs exhibited different biological properties for the 
induction of spinal fusion in an athymic rat model 8 . As such, there is a medical 
need to address these pertinent issues by developing a new class of tissue - 
engineered bone grafts for orthopedic applications.  

  16.2.2   Nanotechnology - Enabled Tissue Engineering 

 The principle of tissue engineering is to regenerate diseased/damaged tissue or 
organ by the use of biodegradable materials with or without biological factors. 
Through the extensive understanding of the structure and chemical composition 
of natural bone, bone grafts can be designed to mimic the native bone to achieve 
optimal performance. 

 The major components of natural bone are hydroxyapatite and Type I colla-
gen. Two - third of bone by weight is nanophase hydroxyapatite which is the 
mineral constituent 9 . Type I collagen is the main structural protein, contributing 
up to 30% of the dry weight of bone and 90 – 95% of the non - mineral (organic) 
content 9,10 . Structurally, bone encompasses fi ber bundles made up of collagenous 
nanofi brils. Besides collagen, non - collagenous proteins such as osteocalcin, osteo-
pontin, osteonectin, bone sialoprotein, and so on, are part of the composition of 
bone. Other components also consist of calcium, phosphate, hydroxyl, carbonate, 
fl uorine, sodium, magnesium, silicon, zinc and aluminum ions 9 . The hype of fabri-
cating nano - scale materials or the like is due to the current advancement in nano-
technology, in areas such as electronics, fi ltration, catalysts, textiles, drug delivery, 
and so on. 

 In particular, tissue engineering is making waves in the research and develop-
ment arena because of the seminal discoveries of enhanced absorption of biomol-
ecules, such as vitronectin on the scaffold due to a high surface area - to - volume 
ratio 11 , which is important for wound healing. The fi bers or scaffolds being in 
nanometer scale (in diameter) are said to mimic the natural extracellular matrix 
(ECM), creating a more favorable environment for cellular interaction. Biode-
gradable materials are popular options for this new class of bone grafts. These 
materials can be either synthetic or natural polymers. Ultimately, researchers aim 
to develop bone grafts which surpass the status quo of existing bone grafts. A 
cocktail of growth factors and cells are usually integrated within the material as it 
is believed that the synergistic interactions between the material, cells, and 
growth factors will augment the effectiveness of such regenerative therapies in 
bone repair, as depicted in Figure  16.1 .    

  16.2.3   Factors for Bone Regeneration 

 Besides diseases and trauma, several other factors affect osteogenesis. In 
cell culture experiments, dexamethosone, ascorbic acid,  β  - glycerophosphate, 
1,25 - Dihydroxyvitamin D3 are supplements to formulate an osteogenic media to 
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facilitate osteogenic differentiation of cells. For instance, dexamethasone stimu-
lates proliferation and aids in the osteogenic lineage differentiation, ascorbic acid 
and 1,25 - Dihydroxyvitamin D3 can be used for osteogenic induction, promotion 
of the deposition of matrix, increasing alkaline phosphatase (ALP) activity and 
osteocalcin production 12 . Ascorbic acid plays a role in the conversion of proline 
residues in collagen to hydroxyproline.  β  - glycerophosphate acts as a form of 
phosphate supply and plays a role in mineralization and osteoblastic processes. 
Free phosphates can induce the expression of osteoblastic markers such as osteo-
pontin 13 . Other functions of phosphates include the production and nuclear 
export of an important osteogenic regulatory gene called core - binding factor  α  - 1 
(cbfa - 1) 14 . Osteogenic supplements such as dexamethasone are often added in 
culture medium to direct osteogenic differentiation of either mesenchymal stem 
cells (MSCs), progenitor cells, or osteoblasts. Dexamethasone are bound to 
regulatory proteins and modulating the transcription of osteogenic genes 15 – 19 . 
Encapsulated human mesenchymal stem cells (hMSCs) exhibited an osteogenic 
effect when dexamethasone was released in a sustained manner over a month in 
a poly(ethylene glycol) (PEG) hydrogel due to the hydrolysis of the lactide ester 
bonds, where ALP and cbfa - 1 were enhanced 16 . Table  16.1  shows an overview of 
the effects of various culture media supplements for osteogenesis  in vitro  20 – 23 . 
Some of the benefi ts of using differentiation medium are expansion of cell number 
and cellular maturity, yet there may be an increased risk of cell contamination 
during culture, cell aging, time loss in terms of direct application of cells into 
patient, and so on.   

 BMPs are members of the transforming growth factor -  β  (TGF -  β ) family 
that are potent stimulators of bone regeneration. For instance, BMP - 2, BMP - 7, 
and so on, have been evaluated and shown that they have the capability to 
heal bone defects  in vitro  and  in vivo . One particular study demonstrated that 
by using recombinant adenoviruses expressing BMPs, BMP - 6 and BMP - 9, 
in addition to BMP - 2 showed the highest osteogenic activity (and to a lesser 
degree, BMP - 4 and BMP - 7) in both  in vitro  and  in vivo  settings. The osteogenic 
BMPs regulate a set of downstream target genes such as Ids, Dlx, and 

    Figure 16.1.     A typical tissue - engineered material construct, with the addition of cells and 

growth factors.  

Material 

Cell 

Growth factors
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 TABLE 16.1.     Effects of Culture Media Supplements on Osteogenic Markers  In Vitro  

   Cells     Function     References  

  Human 
bone 
marrow -
 derived 
primary 
osteoblasts  

     1.     Dexamethasone enhanced ALP activity but not BMP - 2.  
  2.     Dexamethasone caused the downregulation of Type I 

collagen.  
  3.     Osteocalcin synthesis was dependent on Vitamin D. 

Dexamethasone or BMP - 2 alone had no effects on 
the basal osteocalcin levels but in the presence of 
Vitamin D, BMP - 2 increased osteocalcin synthesis, 
whilst dexamethasone suppressed the production of 
osteocalcin.  

  4.     Parathyroid hormone - induced cyclic adenosine mono 
phosphate (cAMP) production was signifi cantly 
increased with the treatment of dexamethasone.  

  5.     Mineralization was enhanced in cultures containing 
BMP - 2 and dexamethasone elicited mineralization to a 
lesser degree.  

  6.     Dexamethasone signifi cantly increased cell 
proliferation.     

  Ref 20   

  Rat bone 
marrow 
stromal 
cells and 
osteoblastic 
MC3T3 - E1 
cells  

   Bone marrow stromal cells    
1.     Vitamin C was essential for doubling cell viability.  
  2.     Dexamethasone and  β  - glycerophosphate reduced the 

cell proliferation rate. On the other hand, BMP, 
TGF -  β , vitamin D sustained the growth rate given by 
Vitamin C.  

  3.     Vitamin C in Dulbecco ’ s modifi ed Eagle (DME) 
medium was vital for the rapid proliferation.    

  MC3T3 - E1 cells    
1.     The incorporation of Vitamin C, Vitamin D, TGF -  β  

and BMP did not give rise to a signifi cant increase in 
cell proliferation.  

  2.     Dexamethasone with Vitamin C and  β  -
 glycerophosphate increased the cell proliferation.  

  3.     There was no increase of cells in the samples treated 
with Vitamin C in DME medium.     

  Ref 21   

  Mouse 
embryo -
 derived 
NIH3T3 
Fibroblasts  

     1.     ALP activity was induced by 1 α , 25 - dihydroxyvitamin 
D3 in a dose - dependent manner and enhanced in the 
presence of dexamethasone.  

  2.     Dexamethasone when used alone did not caused any 
detactable ALP expression.  

  3.     Osteocalcin and osteopontin were produced in 
the presence of 1  α , 25 - dihydroxyvitamin D3 and 
dexamethasone.     

  4.     In the presence of  β  - glycerophosphate and L -
 ascorbic acid plus 1  α , 25 - dihydroxyvitamin D3 and 
dexamethasone, extensive mineralization was observed.  

  Ref 22   
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   Cells     Function     References  

  5.     The expression of Cbfa - 1 was not signifi cant in 
samples treated with 1  α , 25 - dihydroxyvitamin D3 and 
dexamethasone at 3, 10 and 20 days as compared to 
the controls. No expression of type II or III Cbfa - 1 was 
seen regardless of time point or treatment.  

   Adipose -
 derived 
stem cells  

      1.     Vitamin D3,  β  - glycerophosphate and ascorbic acid were 
required for mineralization.  

  2.     Type I collagen secretion was upregulated by ascorbic 
acid and  β  - glycerophosphate.  

  3.     Vitamin D3 induced osteonectin, osteopontin and 
osteocalcin expression.  

  4.     Vitamin D3,  β  - glycerophosphate and ascorbic acid 
had a synergistic effect on sustained osteoblastic 
transcriptional gene expression such as runt - related 
transcription factor - 2 (RUNX - 2) and TAZ.     

   Ref 23   

CTGF during the early stages of osteogenic differentiation 24 . Specifi cally, BMP - 2 
and BMP - 7 are some of the predominant BMPs used and are able to induce 
osteogenic differentiation and bone healing. In a study involving 450 patients 
with acute, diaphyseal, open tibial fractures, the risk of secondary intervention 
was greatly decreased in the rhBMP - 2 group as compared to the control group 
(standard of care for long bone repair) 25 ; rhBMP - 2 seeded on resorbable collagen 
sponge can be used in spinal fusion and open fractures in patients as it is FDA -
 approved, while rhBMP - 7 and bovine collagen or OP - 1 is also FDA - approved 
and can be utilized as an alternative option to autografts in long bone non - unions 
and lumbar spinal fusion. 

 Despite the use of BMPs being potent inductors of osteogenic differentia-
tion, the amounts of BMPs needed vary in humans and in animal studies. In 
humans, greater levels of BMPs are required for osteogenesis than in animals. It 
is evident that BMPs elicit a favorable response when added in culture medium 
or in material substrates. Yet there is a variability in terms of patient response to 
BMP treatment and minute amounts of BMPs in the nanogram range are suffi -
cient to trigger bone formation  in vivo  26 – 28 . On the other hand, at least a magni-
tude of six orders was reported to result in osteogenesis in human with a matrix 
substrate 29 . A controlled - delivery system of biomolecules or therapeutic agents 
can be achieved using tissue - engineered biomaterials. 

 Besides BMPs, other growth factors which are important for bone formation 
include insulin - like growth factor 1 (IGF - 1), fi broblast growth factor (FGF - 2) and 
vascular endothelial growth factor (VEGF). Table  16.2  shows the types of growth 
factors used in polymeric substrates for bone repair 30 – 38 .   

 Smad, Smurf and Tob proteins are also part of the intricate network of the 
osteogenic pathway 39 . The administration of such growth factors can be utilized in 

TABLE 16.1. Continued
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tissue - engineered constructs to induce bony formation. Certain secreting pro-
teins such as Wnts are known to be involved in cellular differentiation such as 
osteogenesis 40 . Notch signaling has been also said to have a non - promotive role in 
osteogenic differentiation of progenitor cells as ALP activity, osteocalcin, type I 
collagen and  in vitro  calcifi cation were suppressive 41 . 

 Heparan sulfate (HS) was assessed as a potential osteogenic agent in a rat 
model 42 . Five  μ g of HS was incorporated in the fi brin glue scaffolds and the release 
kinetics were analysed. More than 50% of HS was released with an initial burst 
phase in the fi rst four hours, followed by a sustained release over four days during 
which 100% of HS was released. The released HS led to improved wound healing 
over a three - month period and increased ALP, RUNX - 2 and osteopontin gene 
expression. In contrast, minimal healing was seen in the absence of HS after one 
and three months of implantation 42 . Growth factors such as FGF - 2 and BMP - 2 
are susceptible to proteolytic degradation 43 . As such, HS comes in handy as it 
binds to several soluble proteins such as heparin - binding growth factors, provid-
ing a protective shield from extracellular proteases and aiding specifi c binding to 
their respective cell surface receptors 44 . 

 Although researchers have established promising experimental data on dif-
ferent cells derived from various origins on a wide range of materials, much work 
is needed to be done in order for full scale production of these tissue - engineered 
bone grafts. The physiological mechanical properties and the remodeling of 
tissues for the restoration of physiological function are deemed to be one of the 
deciding factors for tissue engineering constructs to replace current bone grafts. 
Some have suggested that using additional tools such as  “ smart ”  scaffolds and 
bioreactors can accelerate the development of tissue engineered materials for 
various applications 45 . Bioreactors help create a  “ natural ”  environment for cell 
proliferation, growth and differentiation at optimal conditions such as 37    ° C, 5% 
CO 2 , and so on. Specialized bioreactors may also include features such as cyclic, 
rotational, or static loading to stress the cells to facilitate quicker extracellular 
matrix deposition or to increase mechanical strength of the material construct, 
and so on.   

 TABLE 16.2.     Types of Growth Factors Used in Various Materials for Bone Regeneration 

   Materials     Form     Growth factors     Animal model     References  

  Collagen    Sponge    BMP - 2    Goat, rat, rabbit    Refs 31,33   
  Gelatin    Hydrogel    BMP - 2    Rabbit    Ref 34   
          TGF -  β 1+IGF - 1    Rat    Ref 36   
  Alginate    Hydrogel    TGF -  β 3+BMP - 2    Mouse    Ref 32   
  PLGA    Scaffold    VEGF    Rat    Ref 38   
          VEGF+BMP - 4    Mouse    Ref 30   
  PLLA    Scaffold    TGF -  β 3    Sheep    Ref 37   
   HA/TCP     Porous implant     TGF -  β 2     Dog     Ref 35   
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  16.3   TYPES OF MATERIALS FOR BONE APPLICATIONS 

 It is of paramount importance that material selection should not be overlooked 
as the type of material selected plays a pivotal consideration of the success of 
bone tissue engineering as illustrated in this section of the chapter. 

  16.3.1   Bioceramics 

 Calcium phosphate materials have been used as bone substitutes because they 
possess excellent biocompatibility and osteoconduction characteristics. Materials 
such as Bioglass ® , TCP and HA are some bioactive ceramics used in orthopedic 
applications. The bioceramic coatings on total joint replacement prostheses may 
also act as bonding agents between the implant and the native tissue. Some issues 
pertaining to these materials are inadequacies in bulk properties, lack of mechan-
ical strength especially in load - bearing sites, problems in fi lling up large bony 
defects etc. Consequently, there is a medical need for a biomimetic material, 
which can solve the above - mentioned concerns, whilst improving bone formation 
 in vivo . 

 Some researchers have successfully fabricated ceramic nanofi bers such as 
HA and fl uoro - hydroxyapatite (FHA) using an electrospinning technology 46 . 
The HA and FHA precusors were employed in sol - gel solutions and the solutions 
were subjected to aging and gelation processes. Subsequently, the sol - gel solu-
tions were mixed with polyvinyl butyral (PVB) and used for electrospinning. By 
manipulating the sol concentration, the diameter of the fi ber can range from 
micrometers to nanometers in size (1.55    μ m to 240   nm). Other processing factors 
which affect the fi ber diameter to a lesser extent are the injection rate and fi eld 
strength of the electrospinning parameters. Apatite polycrystallines (approxi-
mately 30 - to - 40   nm) were observed. The FHA nanofi bers exhibited greater 
chemical stability than HA nanofi bers 46  and the release of fl uorine ions was 
said to be benefi cial in dental restoration applications because fl uorine helped 
to prevent the dental caries formation and enhance mineralization and bone 
formation 47,48 . 

 Biphasic calcium phosphate scaffolds comprising of  β  - tricalcium phosphate 
( β  - TCP) matrix reinforced with HA nanofi bers were produced by using a gel 
casting and polymer sponge techniques to improve material properties 49 . HA 
nanofi bers were fi rst synthesized via a biomimetic chemical precipitation method 
and incorporated with the  β  - TCP powder to make ceramic slurries. After polym-
erization of the monomers, a polyurethane foam with the desired shapes and 
sizes was then immersed into the ceramic slurries and subjected to sintering pro-
cesses for the production of the nanocomposite scaffolds. The compressive 
strength and modulus increased as the HA nanofi ber concentration increased. 
The HA nanofi bers owing to their high surface energy can be easily diffused in 
the grain boundaries of the matrix during sintering. Scaffolds with 5wt% HA 
nanofi bers had a compressive strength of 9.8    ±    0.3   MPa, comparable to the high 
end of the compressive strength of cancellous bone (2 – 10   MPa) 50 . 
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 In a separate study, bioactive glass nanofi bers were electrospun with average 
diameters ranging from 85 - to - 400   nm 51 . The presence of polyvinyl pyrrolidone 
(PVP) and surfactant pluronic P123 (EO 20  - PO 70  - EO 20 ) resulted in the formation 
of smooth nanofi bers and a reduction in diameter respectively. The nanofi bers 
were subjected to simulated body fl uid (SBF) whereby its ionic concentration was 
similar to human blood plasma and calcium phosphate nanoparticles were depos-
ited on the nanofi ber surfaces after six hours of SBF immersion. With increasing 
immersion periods, more apatite was seen and after twenty - four hours of immer-
sion, the bioglass nanofi bers were entirely covered with apatite layers. Unlike 
conventional bioglass fi bers, the induction of apatite was accelerated on the bio-
glass nanofi bers and this could be explained by virtue of the fact that the nanofi -
bers had a large surface area that promoted apatite deposition.  

  16.3.2   Polymers 

  16.3.2.1   Natural Polymers.     Natural polymers such as collagen, gelatin, 
chitosan, alginate, hyaluronan, fi brin and silk are frequently used in bone tissue 
engineering 52 – 61 . For instance, electrospun silk fi broin fi bers were subjected to an 
alternate soaking method for nucleation and growth of apatite 61 . The fi bers were 
fi rst immersed in a calcium solution, followed by immersion in phosphate solu-
tion. Mineralization was achieved as apatite preferentially grew along the longi-
tudinal direction of the fi bers. The silk fi broin and acidic peptides allowed the 
controlled nucleation and growth of apatite minerals on the fi bers 61 . In a separate 
study, porous hyaluronan - based materials coated with fi bronectin that were 
implanted in osteochondral defects in rabbits exhibited improved bone repair as 
compared to those without the implantation of the hyaluronan - based materials 59 . 
One of the drawbacks of natural polymers is the lack of mechanical properties. 
Therefore, extensive investigations have been carried out in fi ne - tuning the 
ma terial selection and design.  

  16.3.2.2   Synthetic Polymers.     Synthetic materials are gaining popularity 
as alternative options because scaling up in production terms is not an issue and 
they are mechanically better than natural materials. The commonly used synthetic 
polymers encompass poly(lactic - co - glycolic) acid (PLGA), poly - l - lactide acid 
(PLLA) and polycaprolactone (PCL) 62 – 66 . Polyglycolic acid (PGA) is often used 
in medical applications (such as sutures) because it is a degradable product, since 
glycolic acid is a natural metabolite. Glycolic acid can also be excreted out of the 
body as urine. Polylactic acid (PLA) is also used and it is generally more hydro-
phobic than PGA. PLA has three isomeric forms, namely: d( − ), l(+), and racimic 
(d, l). Poly(l)LA and poly(d)LA are semi - crystalline solids and have similar deg-
radation rates as PGA. In general, the (l) isomer of lactic acid (LA) is preferred 
because it can be metabolized in the body. The degradation rate of PCL is slower 
than that of PLA and is a suitable material for long - term, drug delivery systems. 
One of the disadvantages of biodegrabable synthetic polymers is the release of 
acidic by - productions during degradation 67 . Typically, a combination of ceramic -
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 based materials is incorporated into the synthetic materials to aid in bone integra-
tion of the graft material to the native host tissue.   

  16.3.3   Nano -  HA /Collagen - Based Composites 

 Calcium phosphate (CaP) coatings are commonly deposited on orthopedic 
implants to improve on the biological properties, especially at the bone - implant 
interface. Plasma spraying, laser deposition and ion beam deposition are some of 
the methods used to coat CaP on implants 68 . Studies have shown that nanoscale 
topography of materials favor cellular response. As such, the fabrication of nano-
phase HA has been evident in recent years. Electrostatic spray deposition, or 
electrospraying of nano - HA, is one such method, whereby nano - HA particles 
were fi rst synthesized via a precipitation reaction using calcium hydroxide 
(Ca(OH) 2 ) and orthophosphoric acid (H 3 PO 4 ) with a Ca/P ratio of 1.67, similar to 
natural bone. Subsequently, the nano - HA particles were suspended in ethanol to 
form a ceramic slurry for electrospraying 69 . 

 As natural bone is a nanocomposite, investigators explore the possibilities of 
fabricating nanocomposite materials to marry the properties of at least two indi-
vidual materials. In the author ’ s previous work, the auhtors have successfully fab-
ricated a composite that can act as a guided tissue regeneration (GTR) membrane 
for periodontal therapy. This three - layered graded membrane consists of one face 
of the material made of 8% nano - carbonated hydroxyapatite/collagen/polylactic -
 co - glycolic acid (nCHAC/PLGA) porous membrane, the non - porous opposite 
face made of pure PLGA and the middle layer made of 4% nCHAC/PLGA. The 
porous membrane allowed cellular penetration and the non - porous side of the 
membrane inhibited cellular adhesion. The composite was fabricated via a layer -
 by - layer casting method. As all three layers consisted of PLGA, the composite 
exhibited suffi cient fl exibility and mechanical strength. The nCHAC had the 
same constituent and had a nano crystal size that was similar to that of natural 
bone. As such, it can act as a template for mineralization to take place, attracting 
bone cells to the bone graft site during bone remodeling. PLGA was the choice 
of polymer because it is biodegrabable  in vivo,  and bone cells can deposit the 
osteoblastic components within the porous, degradable polymer over time, allow-
ing it to be a suitable bone tissue engineered material, improving bone - biomate-
rial interface 70 . Composites that do not contain collagen can be produced via a 
hot temperature method such as hot pressing. Recently, a biomimetic self - assem-
bly method that has been developed is said to be suitable for fabricating collagen -
 containing composites because collagen degrades rapidly in environments higher 
than the body temperature of 37    ° C. In this method, illustrated in Figure  16.2  71 , 
Type I collagen was fi rst dissolved in acetic acid. Aqueous solutions of Ca 2+  and 
  PO4

− were added into the mixture for the initial nucleation of apatite. To adjust the 
pH of the solution, drops of sodium hydroxide were carefully added until the pH 
was approximately eight. At this time, calcium phosphates begin to co - precipitate 
with the collagen. The precipitates were aged for two hours. Nano - HA can be 
retrieved via centrifugation 72,73 .   
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 The nanoHA - collagen nanocomposite has nano - sized, bone - like apatite 
embedded in the collagen matrix. The three hierarchical levels — namely the calci-
fi ed collagen fi brils, collagen molecules, and fi bers — showcase an example of a 
self - assembly biomimetic material, where the crystallographic axes ( c  - axes) of 
the nano - HA crystals are intimately aligned with the longitudinal axes of the col-
lagen fi brils. The nano - HA and collagen molecules co - precipitated into mineral-
ized collagen fi brils are approximately 6   nm in diameter and 300   nm in length as 
shown in Figure  16.3  73 . The presence of this bone - like mineral is one of the pre-
requisites of good interfacial bonding with the orthopedic implants with the host ’ s 
bone (i.e. osteoconductivity) and may trigger osteogenic differentiation of pro-
genitor or bone cells (i.e. osteoinductivity). Table  16.3  summarizes the various 
types of nanocomposites and their respective cellular responses 70,72,74 – 86 .     

 Although cell culture results were promising where osteoblasts adhered to 
the biomimetic nano - HA/collagen/PLA scaffold within two days of culture, sub-
sequently proliferated within the pores of the materials and within a week, full 
confl uence was achieved, the material was tested in an  in vivo  setting to evaluate 
its effi ciency as a potential bone graft material 73 . A 15   mm segmental defect was 

    Figure 16.2.     Biomimetic self - assembly method of producing nano - HA - collagen composite. 

(A): Type I collagen was dissolved in acetic acid. (B): Ca 2+  and   PO4
−  were added. (C) Drops of 

NaOH were incorporated into the solution for the co - precipitation of calcium phosphates with 

collagen. (D) Aging the precipitates for more than two hours. (E): Centrifugation of solution 

for the retrieval of nano - HA (not shown) 71   (Adapted from  Nanomedicine  (2006) 1(2), 177 – 188 

with permission of Future Medicine Ltd.)   
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    Figure 16.3.     Transmission electron micrograph of a biomimetic self - assembly nano - HA/

collagen composite. 73   

6 nm

100 nm

 TABLE 16.3.     Biomimetic Nano -  HA /Collagen - based Composite for Bone Tissue Engineering 

   Nanocomposite     Cell/Growth factors     Tissue reactions     References  

  Nano - HA/Collagen    Osteogenic cells 
( In vitro  and  in vivo )  

  In a marrow cavity or 
bone fragment co -
 culture, interfacial bone 
formation at two weeks.  

  Refs 77,84,85   

  Nano - HA/Collagen    Without/with BMP - 2 
( In vivo )  

  Resorbed by 
phagocytosis of 
osteoclast - like cells and 
form new bone in the 
surrounding area at 12 
weeks.  

  Refs 75,76,81   

  Nano - HA/Collagen    Chondroitin sulfate    No    Refs 74,80,83   
  Nano - HA/
Collagen/PLA  

  Osteoblasts ( In vitro )    In - growth 400    μ m depth 
of the porous scaffold.  

  Ref 79   

  Nano - HA/
Collagen/PLA  

  rhBMP - 2 ( In vivo )    8 weeks complete bone 
defect repair.  

  Refs 72,78   

  Nano - carbonated 
HA/Collagen/
PLGA  

  Osteoblasts ( In vitro ) 
( In vivo )  

  Enhance osteoblast and 
bone regeneration.  

  Refs 70,86   

   Nano - HA/
Collagen/Alginate  

   Fibroblasts/Osteoblasts 
( In vitro )  

   Positive affect on 
osteoblasts.  

   Ref 82   

made in the radius of 24 rabbits and the graft material was inserted into the defect 
with the incorporation of 0.5   mg of recombinant human bone morphogenetic 
protein - 2 (rhBMP - 2). Observations were made at 4, 8, 12 and 16 weeks, with six 
samples at each time point. Figure  16.4 a shows the X - ray observation of the defect 
immediately after implantation. Figure  16.4 b shows the X - ray result after 12 week 
of implantation where double cortical bone connection was formed. Histological 
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observation also indicated that within 12 weeks post - implantation, complete 
healing occurred and double cortical bone was connected to the defect (Figure 
 16.4 d). Spherical cells adhered to the pores of the scaffold and appeared at the 
composite and new bone interface after eight weeks (Figure  16.4 c). Trabeculae 
and bone marrow fi lled up the gaps left behind by the resorbed material. Figure 
 16.4 e shows more trabeculae bone replacing the implant at 12 weeks than at eight 
weeks (Figure  16.4 c).   

 The nano - HA/collagen/PLA composite did not give rise to any acidic by -
 products unlike pure PLA materials as the pH value of the culture media did not 

    Figure 16.4.     Results of nano - HA/collagen/PLA composite scaffold in a rabbit model. (a) X -

 ray result of defect immediately after implantation. (b) X - ray result after 12 weeks of post - 

implantation, where double cortical bone was connected. (c) Decalcifi ed histology (Haema-

toxylin and Eosin or HE staining) at 8 weeks. (d) Histology (HE staining) at 12 weeks, with 

double cortical bone was connected completely, bone marrow and new trabeculae bone was 

formed in the vertex region. (e) Decalcifi ed histology (HE staining) at 12 weeks, compare with 

(c) where more trabeculae bone was formed. 73  (See color insert.)  

(a) (b)

(c)
(d)

(e)
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change, enabling cellular processes to take place. The authors postulated that the 
mineralized collagen may play a role in neutralizing the acidic PLA products 73 . 
The porous nature of the scaffold is a conducive environment for the deposition 
of bone matrix and mineralized collagen and may act as anchors for osteoblast 
adhesion. Further bone regeneration could be aided by the bone - cells in the scaf-
fold 62,87,88 . Nutrient and waste transport are made possible via these pores as well. 
One study had reported that spinal fusion was achieved when rhBMP - 2 in a col-
lagen carrier was more homogeneous and underwent more remodeling than 
when rhBMP - 2 was in an autograft regardless of the presence of a collagen 
carrier. In addition, the incorporation of rhBMP - 2 led to a stiffer and stronger 
spinal fusion than those using autogenous grafts 89 .  

  16.3.4   Nanofi brous Composites 

 Electrospun nanofi brous scaffolds were fabricated from a mixture of PCL, type I 
collagen and HA nanoparticles with an average fi ber diameter of 180    ±    50   nm, 
characteristic of the collagen fi ber bundle diameter of native bone. The presence 
of collagen in the nanofi bers further improved the stiffness of the scaffold. In 
addition, the apatite particles were uniformly distributed on the fi bers 90 . Electro-
spinning technology was also employed in producing hybrid membranes made of 
PLLA and HA. The presence of HA particles enhanced the tensile strength of 
the hybrid membranes and the increased elastic modulus and lower strain at 
failure were indicative of the fact that HA nanoparticles had made the nanofi ber 
matrix stiffer and less plastic in deformation 91 . Table  16.4  shows some examples 
of various types of nanofi brous composites that have been successfully fabricated 
using electrospinning 92 – 96 .   

 One of the advantages of nanofi brous scaffolds was that biomineralization 
was signifi cantly enhanced on nanofi brous scaffolds than on solid - walled 
scaffolds 97 . Nanofi brous poly(L - lactic acid) (PLLA) scaffolds with intercon-
nected pores were made using a phase separation method. Osteoblasts were 
seeded on the scaffolds and higher ALP activity and an earlier and enhanced 
expression of RUNX - 2 protein and bone sialoprotein were observed on the 
nanofi brous scaffolds than on solid - walled scaffolds. In addition, the nanofi brous 
scaffolds seemed to promote the adsorption of proteins such as fi bronectin and 
vitronectin as integrins associated with fi bronectin ( α v β 3), vitronectin ( α v β 3) and 
collagen - binding ( α 2 β 1) were present at higher amounts than those grown on 

 TABLE 16.4.     Electrospun Nanofi brous Composites with Calcium Salts 

   Calcium Salts (Nanoparticles)     Matrix     References  

  Hydroxyapatite    Polyhydroxybutyrate - co - valerate    Ref 92   
   β  - calcium phosphate    Polylactic acid    Ref 93   
  Hydroxyapatite    Polycaprolactone    Ref 94   
  Hydroxyapatite    Silk Fibroin    Ref 95   
   Calcium carbonate     Polycaprolactone     Ref 96   
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solid - walled scaffolds. These observations seemed to have an impact on osteo-
blastic phenotype and cellular signaling, suggesting that nanofi brous materials 
were superior than solid - walled materials 97 . 

 Improved mechanical properties and wettability were demonstrated on elec-
trospun gelatin/PCL fi brous membranes than on pure gelatin or PCL membranes. 
Not only were bone marrow stromal cells favorably attached on the gelatin/PCL, 
but also the cells migrated into the scaffolds up to 114    μ m after one week of 
culture 98 .  

  16.3.5   Cell - Material Constructs (e.g. Stem Cell or 
Osteoblast/Material Constructs) 

 After material selection, factors such as the type of pre - treatment of the sub-
strate, choice of cells to be seeded and culture environment (dynamic/static 
conditions, cyclic/static loading) have to be considered. To create a more favor-
able environment for  in vivo  osteogenesis, many have attempted to pre - seed 
osteoblasts or MSCs on the bone - graft materials. Essentially, bone is made up of 
two main cell types, namely osteoblasts and osteoclasts. These bone cells, which 
are connected by gap junctions, allow cellular communications between the bone 
surface and the mineral matrix. Osteoblasts are involved in the production of 
Type I collagen and mineralization. The secretion of prostaglandin E 2  and inter-
leukin - 6 by osteoblasts stimulates osteoclasts, leading to bone resorption. In 
recent years, MSCs seem to be an attractive cell source because they are capable 
of differentiating into an osteoblastic lineage when induced in the appropriate 
conditions. The ECM secreted by MSCs can involved in several cellular processes 
such as the recruitment, proliferation, differentiation and maturation of progeni-
tor cells. Physiologically, MSCs differentiates into mature matrix - secreting osteo-
blasts, which progressively become osteocytes. 

  16.3.5.1   Mesenchymal Stem Cells ( MSC  s ) - Material Constructs.     For 
instance, coral, which has a natural architecture that resembles spongy bone, is 
said to be suitable as a bone graft material owing to its porosity (with an average 
pore size of 150    μ m) because blood vessels and the deposition of the ECM and 
other cellular constituents can be intertwined within the graft, giving rise to an 
enhancement of material properties and stability. In this particular study, the 
authors have illustrated that the use of low level laser irradiation applied to a 
MSC/coral construct stimulated the proliferation and differentiation of MSC into 
an osteoblastic phenotype during the initial culture period and signifi cantly 
induced  in vitro  osteogenesis over time. Higher levels of calcium deposition were 
seen in irradiated - treated samples at early (days three and six) and late culture 
periods (days 21 and 28). 

 On the other hand, phosphate deposition was enhanced in samples that were 
laser - treated in later culture periods (days 14, 21 and 28). The coral construct with 
MSC did not undergo laser irradiation. In addition, as an indicator of early osteo-
blast differentiation, ALP activity was observed. 
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 Laser - treated coral materials showed a signifi cant level of ALP activity 
on day two of culture but at later culture stages (days 21 and 28), ALP activity 
was signifi cantly reduced as compared to control samples. These results implied 
that low level laser irradiation quickens the differentiation of MSC into an 
osteoblastic phenotype during bone formation processes in early culture periods, 
whilst at later stages, cellular response and bone maintenance by osteocytes are 
predominant 99 . 

 Mygind and co - workers studied the effect of different pore size of the coral-
line hydroxyapatite scaffolds and found out that scaffolds with an average pore 
size of 200    μ m showed a greater rate of osteogenic differentiation based on 
increased ALP and enhanced expression of osteogenic markers such as osteocal-
cin, BMP - 2, BSP - I (bone sialoprotein - I) and so on than a 500    μ m pore - sized scaf-
fold 100 . In this study, they had also showed that slightly fewer but more 
differentiated cells were found in the 200    μ m pore - sized scaffold. These scaffolds 
reached full confl uency more quickly than bigger pore - sized scaffolds, owing to a 
higher degree of cell - to - cell communication, resulting in a higher rate of osteo-
blastic differentiation. 

 On the other hand, a signifi cant number of less - differentiated cells, that is, 
higher proliferation was associated with the bigger pore - sized scaffold, possibly 
due to its higher surface area to volume ratio, which could have facilitated cellu-
lar adhesion on day one of culture. Other probable reasons were that more cells 
are needed to fi ll up the voids in these bigger pore - sized scaffolds for 3D confl u-
ency, and that stimulated fl uid fl ow aided in the proliferation process. By subject-
ing the constructs in a dynamic spinner fl ask as compared to a static cultivation, 
superior proliferation and differentiation of the cells within the scaffolds were 
observed, as seen in Figure  16.5 . Osteoblast matrix production was more promi-
nent in constructs that underwent dynamic cultivation 100 .   

 Chastain et al. showed that MSCs isolated from adult bone marrow 
in 3D PLGA scaffolds expressed and maintained greater osteocalcin gene 
expression than in PCL over a period of fi ve weeks. They hypothesized that 
the differential adsorption of certain ECM proteins in the serum - containing 
culture media and integrin - mediated attachment may be the reason of this dif-
ference. Type I collagen seemed to favor MSC adhesion to PLGA. However, 
vitronectin enhanced the attachment of MSC to PCL. Greater ALP activity 
was observed for the PLGA group after two weeks, suggesting osteogenesis 
was more predominant in the Type I collagen - mediated attachment of MSC 
to PLGA (more osteoconductive) than in vitronectin - mediated MSC attachment 
to PCL. 

 Chastain et al. acknowledged that the conformation and specifi c integrin - 
binding motifs in the ECM proteins and not just the identity of the ECM protein 
were some factors that modulated osteogenesis 101 . Other reasons for the prefer-
ential adsorption of the ECM proteins could be the wettability of the polymer, 
surface chemistry, nanotopography, and so on 102 – 105 . 

 The MSCs fate to an osteogenic lineage was said to be dependent on 
certain cues, such as cell shape, which could be regulated by, for example, Rho A 
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    Figure 16.5.     Hoechst - stained 20    μ m sections of the coral scaffold. Pictures taken from top 

to bottom of the scaffold at the central portion and merged using Photoshop software. 

(A) 200    μ m pore - sized scaffold at Day 1, (B) 200    μ m pore - sized scaffold at Day 21 with static 

cultivation, (C) 200    μ m pore - sized scaffold at Day 21 with dynamic cultivation, (D) 500    μ m pore -

 sized scaffold at Day 1, (E) 500    μ m pore - sized scaffold at Day 21 with static cultivation and 

(F) 500    μ m pore - sized scaffold at Day 21 with dynamic cultivation. Scale bar: 200    μ m. 100   
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modulation. Human MSCs (hMSCs) which were allowed to adhere and spread 
underwent osteogenesis. Local cues in the microenvironment and plating density 
were crucial for lineage - specifi c differentiation, as seen in the activation of the 
Rho A - Rock signaling pathway depicted in Figure  16.6  106 .    

  16.3.5.2   Non - Mesenchymal Stem Cells (Non -  MSC  s ) - Material Con-
structs.     Osteoblasts were seeded on hybrid membranes made of PLLA and HA. 
It was evident that the number of viable cells on PLLA/HA hybrid membranes 
was greater than that of those on pure PLLA membranes. This indicated that HA 
provided an osteoconductive environment for cell adhesion 91 . SaOS - 2 osteoblast -
 like cells underwent biomineralization when cultured in the presence of multi -
 phasic calcium phosphates that were synthesized via a self - propagating high 
temperature combustion synthesis (SHS) process, despite the fact that culture 
conditions favored cell quiescence 107 . Membrane vesicles with calcium phosphate 
and porous plate - like calcium phosphate structures were found to be adjacent to 
the cells. Pseudopodia and a fl attened morphology of the cells were observed, 
suggesting that the cells had a normal metabolism and anchored to the heteroge-
neous calcium phosphates (mainly TCP and HA). The heterogeneous calcium 
phosphates had distinct crystalline regions as well as amorphous regions and the 
bulk porosity was spherical in nature. This heterogeneity and the hydrolysis of 
the amorphous phase resulted in the availability of calcium and phosphate that 
was said to have enhanced biomineralization 107 . 

 Nanocrystalline silicon - substituted hydroxyapatite (SiHA) coatings on 
titanium (Ti) substrates were produced by magnetron co - sputtering and 
increased Si content resulted in decreased crystallite size 108 . There was a signifi -
cant increase in osteoblast cell - growth density on coated SiHA Ti surfaces 
compared to uncoated Ti surfaces. It was observed that fl attened cells were 
attached on the coated surfaces with enhanced ECM synthesis. Moreover, a 

    Figure 16.6.     Cell shape, Rho A, Rock and cytoskeletal tension affects the fate of human MSCs 

(hMSCs) to an osteogenic or adipocytic lineage  in vitro . 106   
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distinct and well - defi ned cytoskeleton with actin stress fi bers was present on 
coated surfaces, whereas on uncoated Ti surfaces, the actin fi laments were not 
present in the cytoskeleton structure. Rapid bone mineralization was seen in 
those coatings with a high Si content (4.9 wt% Si) by Day 16 of culture. The draw-
back of high Si content was that rapid dissolution of the coating was apparent 
because of the small HA crystal size; thus, the attachment of cells at very early 
stages may not be ideal. As such, it was found that 2.2 wt% Si was an ideal content 
for HA coatings 108 .   

  16.3.6   Peptide - Based Materials 

 In tissue engineering, material design is of utmost importance. Attempts have 
been made to fabricate scaffolds to mimic the chemical composition and struc-
tural properties of ECM because one would think that a tissue - engineered 
scaffold with these characteristics will have a better chance at enhancing tissue 
regeneration in the body. Structural proteins for example, collagen, are in the 
nanometer range and this nanotopography is said to affect cellular responses 
such as adhesion, proliferation, growth and differentiation. Since the native 
ECM is of a nanofi brous structure, several methods have been developed to 
make nanofi bers or nanofi brous scaffolds, such as drawing, template synthesis, 
phase separation, self - assembly and electrospinning. Briefl y, drawing involves 
a micropipette that is submersed in a droplet of solution and withdrawn to 
draw a fi ber. In template synthesis, polymer is extruded through a porous mem-
brane into a solidifi cation solution for nanofi ber formation. Phase separation 
is one method whereby separation of at least two different phases takes place, 
by the incorporation of polymer into a particular solvent; subsequently the 
freezing and freeze - drying processes give rise to a gel - like structure. For self -
 assembly method, smaller molecules act as building blocks to self - assemble fi bers 
using specifi c bonds. Lastly, electrospinning uses a high voltage electric fi eld 
to draw fi bers out of a needle tip where the syringe is loaded with polymer 
solution 109 – 112 . 

 In order to  “ coax ”  native cells to adhere to the biomaterials, so that the cells 
would not view the material as a  “ foreign ”  object, peptides design and develop-
ment have been gaining much attention, because these peptides contain adhesion 
domains of the ECM, thereby they may have an impact on cell attachment, pro-
liferation, and so on, and even inducing tissue formation. 

 Specifi cally, amphiphilic peptides with a carbon alkyl tail and other func-
tional peptide motifs could be synthesized to form nanofi bers via the self - assem-
bly process 113,114 . Hosseinkhani et al. demonstrated that the incorporating MSC 
isolated from the femurs of rats into collagen sponge self - assembled peptide –
 amphiphile (PA) nanofi ber hybrid scaffold in a bioreactor perfusion culture 
system had an impact on  in vitro  and  in vivo  osteogenic differentiation of 
the MSCs. The hybrid material that consists of a hydrogel (PA) and a sponge 
(collagen sponge reinforced with PGA fi ber), when subjected in a perfusion 
culture or static culture, induced bone formation throughout the constructs, with 
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those samples in the perfusion culture system exhibiting a greater and homoge-
nous distribution of bone formation in a rat model. This was indicative that the 
fl ow velocity of the perfusion culture system accelerated the osteogenic differen-
tiation of the MSCs 115 . 

 A pivotal cell - binding domain of human Type I collagen located in the  α  - 1 (I) 
chain sequence (P - 15) has been studied 116,117 . The P - 15 peptide was said to facili-
tate bone formation; therefore, this peptide had been used as a coating to mimic 
bone matrix components 118 . For instance, P - 15 peptides were coated on anorganic 
bone mineral (ABM) particles and suspended in injectable hydrogels (such as 
hyaluronate (Hy) as seen in Figure  16.7 , sodium alginate, carboxymethylcellu-
lose) promoted cellular adhesion, osteoblastic activity, and mineral deposition. 
Preferential adhesion of osteoblast - like cells was observed on the hydrogels with 
P - 15 peptide, with more cell coverage and scattering, suggestive that P - 15 peptide 
also reinforced cellular migration. In the presence of P - 15 peptide on ABM (with 
or without hydrogel), more actin and stress fi bers were seen compared to ABM 
surfaces, which had little cell spreading and stress fi bers, indicative of the adhe-
sive properties of P - 15 peptide. The upregulation of gene expression such as 
ALP, BMP - 2 and BMP - 7 after ten days of culture and mineralized matrix deposi-
tion after two weeks of culture in ABM/P - 15/Hy were more prominent than those 
in ABM/Hy 118 .   

 From the above - mentioned results, P - 15 peptides seemed to stimulate bone 
repair and had a synergistic effect on osteogenic inductors such as BMPs. Studies 
have shown that BMPs and TGF -  β  interact with collagen to promote osteoblastic 
processes 119,120 . Instead of using reconstituted collagen, some advantages of P - 15 
peptide include minimal batch variations, possible large - scale production, ease of 
handling, greater stability, and so on 121,122 . One of the advantages of hydrogels is 
that they can be used in any bony defect, regardless of size and shape, although 
one must be cautious about cell viability, and the possibility of hampering cell 
migration may occur. 

    Figure 16.7.     Anorganic bone mineral (ABM) embedded in hyaluronate hydrogel. 118   
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 To improve the osteoinductive properties of bioceramics, grafting of RGD -
 containing (Arg - Gly - Asp) peptides on HA by silanization, cross - linking and thiol 
bonding were done to mediate cell attachment 123  via the ligand - receptor interac-
tions with ECM proteins such as collagen, fi bronectin, vitronectin, and 
laminin 124,125 . The argument of using smaller peptides was that these peptides 
were more resistant to proteolysis and possessed greater affi nities to integrin 
receptors 123 . Biomolecules such as peptides, proteins, and other functional groups 
can be grafted onto the biomaterial ’ s surface using plasma treatment without 
altering the construct ’ s structural integrity and bulk properties, while improving 
the hydrophilicity of the material. Some have tried plasma - treatment as a form of 
surface modifi cation on porous poly - l - lactic acid (PLLA) scaffolds to improve 
cell affi nity 124 . A synthetic peptide derived from BMP - 2 conjugated to a cova-
lently cross - linked alginate gel was reported to show prolonged ectopic calcifi ca-
tion, up to seven weeks in a rat model, inducing many osteoblast - like cells. 
Surprisingly, rhBMP - 2 impregnated collagen gel showed maximum ectopic 
calcifi cation after three weeks of implantation and the calcifi ed products disap-
peared after fi ve weeks. In addition, histological results showed that it induced 
several osteoclasts. Dense calcifi cation was restricted in a particular region in 
the rhBMP - 2 impregnated collagen gel, whereas the uniform calcifi cation 
occurred in the BMP - 2 peptide conjugated alginate gel. The results suggested 
that the peptide conjugated alginate gel had greater stability than the rhBMP - 2 
impregnated collagen gel 126 . It was postulated that MSCs from the muscle tissue 
(implant site in the rat model) could have migrated into the alginate gel and 
osteoblastic differentiation occurred after the stimulation of the BMP - 2 derived 
synthetic peptide, subsequently osteoblasts released phosphorus ions and the 
carboxyl functional groups of the alginate gel stimulated apatite nucleation, 
with hydroxyapatite crystals being deposited on the gel 127 . Other synthetic pep-
tides such as B2A2 which promoted rhBMP - 2 bioactivity or B2A2 - K - NS (an 
analog of B2A2) were said to augment osseous phenotypes in an osteoinductive 
environment 128,129 .  

  16.3.7   Gene - Based Materials 

 Gene - based factor delivery systems can be designed in such a way that a gene 
encoding a target protein can be delivered. In this way, the upregulation and 
downregulation of a desired protein can be achieved. In bone repair, the upregu-
lation of BMPs is generally favored. 

 One of the drawbacks of delivering osteoinductive growth factors from mate-
rial constructs is that growth factors are easily degradable and material process-
ing could potentially have destroyed them. Consequently, until now, there is no 
gold standard in terms of the optimal dose levels of growth factors to be added. By 
and large, the use of gene therapies in bone applications renders much attention as 
this facet of study provides an alternative option to bone repair. In essence, vectors 
are viral (such as retroviruses, adenoviruses, and so on) or non - viral (such as cat-
ionic lipid (CL) formulations and so on) tools that can be used for the delivery of 
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recombinant proteins via the transfection, that is, transfer of DNA to the cell 
nucleus, applicable in both an  in vitro  or  in vivo  settings. For instance, the deliv-
ery of a gene encoding for an osteoinductive factor to target the cell - of - interest 
can galvanize the cells to produce the necessary factors at the location of bone 
pathology. The  in vivo  approach of gene therapy is to inject the genetically - mod-
ifi ed vector or plasmid into the patient, although there might be interferences 
such as not being able to transfect the desired cell type or recombination with a 
wild - type vector. Alternatively, the patient ’ s cells can be harvested and expanded 
 in vitro  prior to transfection before implantation. Nevertheless, this process is 
more cumbersome and time - consuming. 

 Bone marrow stromal cells that were isolated from rats were transfected 
with an adenovirus encoding cDNA for rhBMP - 2 and seeded on PLGA/HA 
microspheres. In co - culture experiments (primary human MSCs and transfected 
cells), BMP - 2 produced by the transfected cells promoted osteogenic differentia-
tion and mineralization, with a signifi cant increase in proliferation, ALP and 
calcium deposits than those MSCs which were co - cultured with non - transfected 
cells 130 . 

 In another case, retrovirus encoding the CDNA for BMP - 2 was used to trans-
fect a murine stromal cell line and the transfected cells were cultured on the 
PLGA/HA material for a week. Results showed that the transfected cells attached 
onto the material and proliferation was seen. BMP - 2 was continually expressed 
by the transfected cells. The material specimens were then implanted into the 
quadriceps muscle porch of severe combined immunedefi cient (SCID) mice, 
with three sample groups namely PLGA/HA with 3    μ g of rhBMP - 2 (positive 
control), PLGA/HA with BMP - 2 producing W - 20 cells, and PLGA/HA with non -
 transfected W - 20 cells. No bone formation was observed in the PLGA/HA with 
non - transfected W - 20 cells, whereas bone formation occurred in the PLGA/HA 
with the BMP - 2 producing cells and PLGA/HA with rhBMP - 2 groups, indicative 
of the potential application of retroviral gene transfer in concert with an appro-
priate material for bone regeneration 131 . 

 Non - collagenous molecules in bone such as dentin matrix protein 1 (DMP1) 
has been reported to be involved in apatite nucleation 132,133 . Using genetically -
 engineered silk DMPI, combined with SBF treatment, calcium - defi cient carbon-
ated HA was formed. It was found that the carboxyl terminal domain of DMP1 
induced HA nucleation. HA was absent in samples with no carboxyl terminal 
domains of the DMP1. Such studies showed that other macromolecules besides 
collagen were involved in HA nucleation and deposition 132 . 

 Recombinant collagen technology has also been investigated extensively. 
It has been shown that recombinant human - like collagen synthesized from 
 Escherichia coli  ( E.coli ) underwent mineralization when the collagen was 
subjected to a series of chemical treatments involving CaCl 2  and NaH 2 PO 4  
solutions. Nano - HA crystals were deposited on the recombinant collagen fi brils, 
forming mineralized collagen fi bers and the crystallographic  c  - axis alignment 
of the nano - HA crystals was parallel to the longitudinal axis of the collagen 
fi brils 134 .   
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  16.4   SOURCES OF STEM CELLS USED FOR BONE TISSUE 
ENGINEERING TO INCREASE OSTEOGENIC DIFFERENTIATION 

 In recent years, the rave on MSCs has been taking the scientifi c community by 
storm owing to its very nature of the cells. MSCs are non - hematopoetic stem cells 
which have the ability to become many tissues such as bone, adipose, cartilage, 
skin, muscle, tendon, and so on. MSCs can be derived from several sources and 
comprehensive studies have been done in hope of determining the ideal source of 
MSCs for bone applications as discussed in the subsequent sections of this 
chapter. 

  16.4.1   Adipose - Derived Stem Cells 

 Although for bone applications, bone marrow aspirates seem to be a  “ more ”  suit-
able choice for the extraction of stromal cells, the harvesting procedure for bone 
marrow is invasive and the number of stem cells from bone marrow varies from 
patient to patient, depending on medical condition and age. Bone marrow stromal 
cells can be as little as one in 10 7  to 10 8  cells 15 . The number of osteogenic progeni-
tor cells found in bone marrow decreases from 66.2    ±    9.6 for every 10 6  cells in 
patients who are under 40 years of age. The number of these cells further decreases 
to 14.7    ±    2.6 per 10 6  cells in older patients 135 . In addition, the amount of bone 
marrow drawn from the patient is limited. To counter these issues, adipose tissue 
has been used as a source for stem cells as an enormous quantity of fatty tissue 
can be harvested. There are about 300 colonies per 100 - mm dish for bone marrow 
samples and out of which one MSC per 33,000 nucleated cells are present 136 . In 
other studies, typically there are one MSC in every 50,000 or one MSC in every 
100,000 nucleated cells, which constitute to about a few hundred MSCs for every 
milliliter of bone marrow 135,137 . The number of adherent bone marrow MSCs is 
about one in 10 5  nucleated cells 138 . For the confl uency of bone marrow - derived 
stem cells plated between 20,000 to 400,000 cells/cm 2 , it took about fi ve to seven 
days 139,140 . Confl uence was achieved within the same time period using the initial 
plating of 3,500 adipose derived stromal cells/cm 2,   141 . 

 Immortal adipose stromal cell lines (ATSCs) was developed by tranducing 
non - human primate - derived ATSCs with a retrovirus expressing TERT (catalytic 
protein subunit of the telomerase complex). The expression of TERT can be uti-
lized for creating cell lines that can expand indefi nitely while maintaining the 
multi - linage potential. The ATSC - TERT cells exhibited an increase level of 
telomerase activity and mean telomere length. These ATSC - TERT cells showed 
multi - lineage potential, on a lesser extent in untransduced cells  in vitro . The dura-
tion of which calcium was produced by ATSC - TERT cells was greatly shortened 
(one week of culture), in comparison, calcium production occurred when native 
ATSCs was subjected to three to four weeks of culture in an osteogenic media. 
Enhanced expression of ostoblastic markers such as, osteoblast - specifi c factor 2, 
chondroitin sulfate proteoglycan etc. was associated with ATSC - TERT cells. 
These observations suggested that telomerase expression could open new 
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avenues for bone repair 142 . The use of T - box (Tbx) factors — in particular, Tbx -
 3 — was studied in human adipose tissue stromal cells (hADSCs) by using a lenti-
virus si - RNA vector and it had proven that Tbx - 3 played a role in proliferation 
and osteogenic differentiation of the stem cells 143 .  

  16.4.2   Bone Marrow - Derived Stem Cells 

 Pittenger et al. indicated that by using stem cells from bone marrow aspirates 
from humans, the undifferentiated cells had the potential to differentiate into 
several lineages namely osteogenic, chodrogenic, adipocytic. When expanded to 
colonies, the multi - linage potential of the cells were maintained 17 . One study by 
Xin et al., showed that osteogenic and chondrogenic differentiation of human 
bone marrow derived stem cells when seeded on electrospun PLGA nanofi ber 
scaffolds. The cells were treated with chondrogenic and osteogenic supplements. 
Figure  16.8  shows that in both 2D and 3D PLGA constructs, the cellular pheno-
type  in vitro  after 14 days of cell seeding were retained 64 .   

    Figure 16.8.     Human Mesenchymal Stem Cells (hMSCs) Seeded on PLGA Nanofi ber Scaf-

folds. (A) H & E staining showing hMSCs in 2D construct before trypsinization and cell seeding. 

(B) hMSCs on scaffold after Day 7. (C) hMSCs on 2D construct exhibited an elongated and 

spindle morphology at Day 14 as shown using a confocal microscope. (D) Attachment of hMSCs 

on 3D construct showed an elongated cellular morphology at Day 14 after cell seeding. 64   
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 hMSC from vertebral bodies cultured in serum - free conditions seemed to 
have preferential response to treatment with certain BMPs, with regards to osteo-
induction. Amongst BMP - 2,  - 4,  - 6 and  - 7, BMP - 6 appeared to be a potent stimu-
lus of osteoblastic differentiation and its gene expression was detected prior 
hMSC osteoblastic differentiation. The incorporation of BMP - 6 to hMSC pro-
moted the expression of osteoblastic genes such as Type I collagen, osteocalcin 
and bone sialoprotein. Furthermore, it stimulated key osteoblastic transcription 
factors such as cbfa - 1/RUNX - 2 and osterix. The synergistic effects led to an 
enhanced mineralization of extracellular matrix and hydroxyapatite deposition. 
It was shown that osteogenic growth factors such as IGF - 1,  β  - fi broblast growth 
factor ( β  - FGF) and VEGF did not have direct osteoinductive effects on hMSC 
under serum - free media conditions. It was suggested that the above - mentioned 
growth factors, while essential in the function of osteoblasts or pre - osteoblasts 
and skeletal development, may not be suffi cient in osteoblastic hMSC differentia-
tion 144 . In a separate study, Boden and his colleagues showed that BMP - 6 stimu-
lates induced differentiation readily in rat calvarial cells, without glucocorticoid 
potentiation 145 . Similarly, the upregulation of BMP - 6 production in rat calvarial 
cells in the presence of glucocorticoid was observed 144,146 . Conversely, the lack 
of sensitivity to BMP - 2 and BMP - 4 could be due to the expression of several 
families of secreted BMP antagonists, of which these antagonists could have 
a high affi nity to BMP - 2 and BMP - 4, hindering their signaling, unlike BMP - 6 
and BMP - 7 with a lower affi nity to the antagonists 144 . Another explanation as 
to the lack of responsiveness of MSCs to certain BMPs could be due to a 
dose - dependant issue at which higher doses were essential for the induction of 
differentiation 147 . 

 Surface chemistry was said to infl uence the MSC behavior with silane - 
modifi ed surfaces as substrate materials in both basal and stimulated condi-
tions 148 , leading to the importance of studying the minute details of material 
science such as surface area, porosity, local acidifi cation, degradation properties, 
and so on. This phenomenon also pertains to other cell types.  

  16.4.3    MSC  s  Derived from Other Sources 

 Umbilical cord blood (UCB), periosteum, synovium and muscle tissues are some 
of the alternate sources whereby MSCs can be derived 149 – 152 . Kern et al. delved 
the characteristics of three different tissues (UCB, bone marrow, and adipose 
tissue) as a human source of MSCs. There were no signifi cant differences 
when morphology (fi broblastoid) and immume phenotype of the MSCs were 
concerned. All these sources portrayed a multipotential differentiation ability 
with the capability of formation of colony - forming unit - fi broblast (CFU - F) and 
expression of a set of surface proteins (e.g. CD44, CD73, CD29, CD90, HLA - 1). 
The success rate of isolating MSCs was 100% for both the bone marrow and the 
adipose tissue samples. Conversely, the isolation rate for umbilical cord blood 
was 63% 149 . 
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 This observation could be attributed to the fact that the MSCs may be circu-
lating in the prenatal organism and residing in tissues of the adult 153 . UCB showed 
the lowest colony frequency and contrary to adipose tissue with the highest 
colony frequency 149 . MSCs from UCB showed the longest culture period and the 
highest proliferation ability; MSCs from bone marrow had the shortest culture 
period and lowest proliferation ability. Another noteworthy point to be elabo-
rated upon was that MSCs from UCB did not show adipogenic differentiation 
capacity, unlike those MSCs from bone marrow and adipose tissue, which showed 
osteogenic, chondrogenic, and adipogenic differentiation 149 . With regards to this, 
it is debated that a hierarchical or restricted differentiation capability of MSCs 
may be possible 17,154 . The proliferation rates of bone marrow, adipose and perios-
teum were similar after four, seven and eleven days of culture in a separate study. 
Osteogenic and chondrogenic differentiation were achieved in all the MSCs. 
Using a rabbit model, the authors demonstrated that bone - marrow and perios-
teum - derived MSCs had superior physeal arrest over adipose - derived MSCs 150 . 

 For the comparative studies between bone marrow, adipose tissue, synovium, 
periosteum and skeletal muscle, bone marrow samples generated the greatest 
extent of calcifi cation, followed by synovium, periosteum, adipose and muscle 
samples. For bone marrow samples, the colony number for every 10 3  nucleated 
cells was lower and cell number per colony was greater as compared to other 
tissue sources. The number of nucleated cells ( × 10 3 ) per volume or weight of 
tissue obtained was as follows: bone marrow (2045    ±    920), adipose tissue (22    ±    21), 
synovium (3    ±    4), periosteum (3    ±    6) and muscle (2    ±    1). Similarity in epitope 
profi les were found regardless of the tissue source 152 . A study also conducted on 
the immunological properties of bone marrow stromal cells and adipose tissue 
derived MSCs and concluded that their properties were maintained during pre -  
and post - osteogenic induction  in vitro  and seemed to be similar in both tissues 155 .   

  16.5   CURRENT PERSPECTIVE 

 Advanced technologies are required in order to develop a hierarchical - 
assembled bone - like composite over several length scales for bone tissue applica-
tions. Room temperature fabrication techniques need further honing as 
biomimetic materials usually contain cells, proteins, growth factors and the like, 
and operating temperature is pivotal in their survival and integrity of the osteo-
blastic processes. The interplay between proteins, cells and materials renders 
further probing and understanding, so that these nuggets of knowledge can be 
translated into modulating biological pathways that are favorable for bone regen-
eration. Other critical issues involves maintaining suffi cient material construct 
 in vivo  before osteogenesis can successfully take place, adequate material proper-
ties — especially in load - bearing sites — desirable material surface properties for 
the attraction of cells at the material - graft interface, amenability to contouring 
for implantation in different sizes and shapes of bony defects. Lastly, the graft has 
to support angiogenesis and vascularization for healing and bone remodeling. 
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 Another noteworthy issue to address is that biological pathways are complex 
and the gene expression studies of certain bone markers may not project a holis-
tic overview or analysis of the differentiation of progenitor or stem cells derived 
from various sources. As such, the choice of cells to be seeded on the graft ma-
terials based on preliminary gene expression results must always be tested in an 
 in vivo  setting, in order to fully evaluate the reliability of the cell - material con-
struct. Current work on biological pathways is just a tip of the iceberg and still 
nebulous, as the portrayal of the evidence changes. Despite many studies that 
have shown promising results and have opened avenues for further evaluation, 
the intricate molecular interplay between growth factors, cells, proteins need to 
be extensively reviewed before synergistic cocktails can be formulated for effec-
tive bone formation. 

 Stem cell work needs to be investigated more thoroughly for the advance-
ment of regenerative medicine in bone applications. The contributing factors that 
led to the confl icting results of the isolation, proliferative, and differentiation 
potential of MSCs derived from various sources can be elucidated by the fact 
that there are different tissue - harvesting techniques (which may be surgeon -
 dependent or donor - site dependent) as well as MSCs isolation methods that are 
employed. The amount of tissue harvested is another consideration when dealing 
with MCS numbers. Furthermore, patient variability such as age, gender and 
medical condition can impinge data consistency across the board 137,152 . Moreover, 
the scientifi c community needs to convince the general public of the notion of 
viral or gene delivery approaches in order for these options to be utilized clini-
cally. Ideally, corroborative or contradictory evidence must be addressed, or, 
when necessary, reconciled to increase public confi dence in these areas.  

  16.6   CONCLUSION 

 In conclusion, effi cacious bone regeneration using tissue - engineered constructs 
loaded with factors that create a favorable environment  in vivo  can revolutionize 
the clinical management of bone - related diseases and orthopedic applications. 

 Suitable culture supplements such as dexamethasone, ascorbic acid,  β  -
 glycerophosphate, and so on, induced the proliferation and differentiation of 
several cell types. From the various studies, the functional property of nano - HA 
over conventional bioceramics such as TCP is favorable to cellular response. 
Material selection is also vital for the success of the tissue - engineered construct. 
One must weigh the pros and cons of both synthetic and natural polymers 
and decide which are deemed as the more important material properties needed 
to achieve the desired construct. Biomimetic mineralization of nanofi brous 
composites, especially those made of collagen and nano - HA, seemed to be 
promising because collagen and nano - HA are the main components of native 
bone. In addition, mineralization is more evident in nanofi brous scaffolds than 
in solid - walled scaffolds. Such nanofi brous scaffolds can be fabricated via an 
electrospinning technology. One of the disadvantages of electrospinning is 
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the problem of scale - up production and much work is needed in this area in order 
to commercialize such scaffolds for bone repair. 

 MSCs from bone marrow are typically favored in bone repair, although 
results obtained from the use of MSCs from other sources have shown that these 
cells are in no way inferior to that of bone - marrow derived MSCs. The cascade of 
the orchestrated processes of gene expression in biological pathways renders 
further investigation so that the interplay between the various biomolecules and 
proteins can be understood. This would greatly facilitate the material selection 
and the choice of growth factors and biomolecules to be incorporated into the 
material constructs. 

 It is conceivable that such tissue - engineered nano - materials will be the new 
generation of bone grafts, judging from the nascent state of regenerative medi-
cine, fulfi lling the desired characteristics (for example, material chemistry, surface 
area, mechanical integrity, angiogensis, optimal concentration of cells residing in 
the material, potential for possible drug delivery, and so on) of an ideal bone graft 
in terms of osteoconductivity, osteoinductivity and osteogenicity. Due to the com-
plexity of bone regeneration, the ideal delivery system needs to address several 
issues such as the controlled release of biomolecules from the carrier material 
and structural similarity as natural bone.  
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  17.1   OVERVIEW 

 Over the past two decades, the fi eld of tissue engineering has focused on formu-
lating and validating a consistent experimental methodology for  ex vivo  tissue 
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regeneration. Application of these tissue - engineering methods (Langer and 
Vacanti  1993 ; Skalak  1988 ) to musculoskeletal tissue regeneration has yielded 
signifi cant advances whereby bone — (Agrawal and Ray  2001 ; Byers and Garcia 
 2004 ; El Ghannam, Ducheyne, and Shapiro  1995 ; Laurencin C.T. et al.  1999 ; Lu 
et al.  2003 ; Mikos et al.  1993 ; Richardson et al.  2001 ; Shea et al.  2000 ; Yaszemski 
et al.  1996 ; Zhang and Ma  1999 ), cartilage — (Almarza and Athanasiou  2004 ; 
Caterson et al.  2002 ; Freed et al.  1993 ; Hung et al.  2003 ; Kim et al.  2003 ; 
Klein et al.  2003 ; Li et al.  2005 ; Lu et al.  2001 ; Mauck et al.  2000 ; Riley et al.  2001 ; 
Vunjak - Novakovic et al.  1996 ), ligament — (Altman et al.  2002 ; Cooper et al.  2005 ; 
Dunn et al.  1995 ; Jackson, Heinrich, and Simon  1994 ; Lu et al.  2005 ; Musahl et al. 
 2004 ; Whitesides et al.  2001 ; Woo et al.  1999 ) and tendon - like — (Carpenter, 
Thomopoulos, and Soslowsky  1999 ; Derwin et al.  2004 ; Garvin et al.  2003 ; Goh 
et al.  2003 ; Juncosa et al.  2003 ; Zhang and Chang  2003 ) tissues have been engi-
neered  in vitro  and  in vivo . 

 Building upon these successes, the emphasis in the fi eld of orthopedic tissue 
engineering has recently shifted from tissue  formation  to tissue  function  (Butler, 
Goldstein, and Guilak  2000 ). A critical area in the current functional tissue engi-
neering effort focuses on the integration of tissue engineered grafts with the host 
environment as well as with each other. To this end, interface tissue engineering 
has emerged as a promising strategy for achieving biological fi xation of tissue -
 engineered soft tissue grafts, in particular with its emphasis on regenerating the 
anatomic interface between soft tissues (that is, ligaments, tendons, cartilage) and 
bone. Furthermore, this newly - engineered interface will serve as the bridge 
between soft tissue and bone, and thereby enabling the development of inte-
grated musculoskeletal tissue systems for total joint replacement. 

 This chapter will discuss tissue engineering - based strategies for the regenera-
tion of the native interface between soft tissue and subchondral bone. It will begin 
with a discussion of design considerations in interface tissue engineering. Subse-
quently, using the anterior cruciate ligament - to - bone interface as a model system, 
current efforts in orthopedic interface tissue engineering will be reviewed. 
Existing challenges and future directions in this emerging area will also be 
presented.  

  17.2   DESIGN CONSIDERATIONS IN INTERFACE TISSUE ENGINEERING 

 In the musculoskeletal system, soft tissues such as ligaments — which connect 
bone to bone — or tendons — which join muscle to bone — must integrate seam-
lessly with subchondral bone in order to function in unison to facilitate physio-
logic joint motion. The insertion of ligaments or tendons into subchondral bone is 
often achieved through a characteristic fi brocartilage interface with well - defi ned 
spatial variations in cell type and matrix composition (Benjamin et al.  1991 ; 
Benjamin, Evans, and Copp  1986 ; Cooper and Misol  1970 ; Messner  1997 ; Niyibizi 
et al.  1995 ; Niyibizi et al.  1996 ; Petersen and Tillmann  1999 ; Sagarriga et al.  1996 ; 
Thomopoulos et al.  2003 ; Wang et al.  2006 ; Wei and Messner  1996 ). By design, this 
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controlled matrix heterogeneity minimizes the formation of stress concentrations, 
enabling the transfer of complex loads between two distinct types of tissue 
(Benjamin, Evans, and Copp  1986 ; Woo et al.  1983 ). Current soft tissue recon-
struction methods utilizing autologous or allogeneic grafts unfortunately fail to 
preserve or reform the native soft tissue - to - bone insertion, and the absence of 
this critical interface compromises graft function and long - term clinical outcome. 
Moreover, tissue engineered grafts for soft tissue repair or regeneration also face 
similar challenges in graft - to - bone integration. 

 For interface tissue engineering, it is essential to devise rational strategies 
aimed at regenerating the soft tissue - to - bone interface, and subsequently apply-
ing these tissue engineering strategies to design  integrative  fi xation devices 
capable of promoting the biological fi xation of soft tissue grafts to bone. Using 
the anterior cruciate ligament (ACL) as a model system, strategies for the regen-
eration of a biomimetic interface between ACL reconstruction grafts and sub-
chondral bone have been formulated (Lu and Jiang  2006 ). The ACL is the primary 
knee joint stabilizer and inserts into bone through a characteristic fi brocartilage 
interface, with controlled spatial variations in cell type and matrix composition 
(Benjamin, Evans, Rao, Findlay, and Pemberton  1991 ; Benjamin, Evans, and Copp 
 1986 ; Cooper and Misol  1970 ; Messner  1997 ; Niyibizi, Visconti, Kavalkovich, 
and Woo  1995 ; Niyibizi, Sagarrigo, Gibson, and Kavalkovich  1996 ; Petersen and 
Tillmann  1999 ; Sagarriga, Kavalkovich, Wu, and Niyibizi  1996 ; Thomopoulos, 
Williams, Gimbel J.A., Favata, and Soslowsky  2003 ; Wang, Mitroo, Chen, Lu, and 
Doty  2006 ; Wei and Messner  1996 ). The ACL - to - bone junction consists of three 
distinct tissue regions: ligament, fi brocartilage, and bone (Figure  17.1 ).   

    Figure 17.1.     Multi - tissue Matrix Organization at the Ligament - to - Bone Insertion. A) The 

anterior cruciate ligament (ACL) connects the femur and tibia through two insertion sites 

(anterior view). B) The multi - tissue organization of the ACL - to - bone insertion, transiting from 

the ACL to the fi brocartilage (FC) region, and then to the bone region (Modifi ed Goldner ’ s Masson 

Trichrome). C) The fi brocartilage interface is further divided into the non - mineralized fi bro-

cartilage (NFC) and mineralized fi brocartilage (MFC) zones (von Kossa).  

(a) (b) (c)
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 The fi brocartilage region is further divided into non - mineralized and miner-
alized fi brocartilage zones (Figure  17.1 C). The ligament proper contains fi bro-
blasts embedded in a collagen I and III matrix. The non - mineralized fi brocartilage 
matrix consists of ovoid fi brochondrocytes, and collagen types I and II are distrib-
uted within a proteoglycan - rich matrix. In the mineralized fi brocartilage zone, 
hypertrophic fi brochondrocytes are surrounded by a calcifi ed matrix containing 
collagen X (Niyibizi, Sagarrigo, Gibson, and Kavalkovich  1996 ; Petersen and 
Tillmann  1999 ). The fi brochondrocyte phenotype at the ACL - bone interface has 
been found to be similar to that of articular chondrocytes (Sun, Moffat, and Lu 
 2007 ). The last region is the subchondral bone, within which osteoblasts, osteo-
cytes and osteoclasts reside in a mineralized type I collagen matrix. The specifi c 
organization and controlled matrix heterogeneity found at the ACL insertion are 
believed to minimize the formation of stress concentrations and, in turn, facilitate 
the transfer of complex loads between soft and hard tissues (Benjamin, Evans, 
and Copp  1986 ; Woo and Buckwalter  1988 ). 

 The ACL is the most frequently injured knee ligament (Johnson  1982 ), with 
over 100,000 ACL reconstruction procedures performed annually in the United 
States alone (American Academy of Orthopedic Surgeons  1997 ; Gotlin and Huie 
 2000 ). Autologous soft tissue or hamstring tendon - based grafts are increasingly 
utilized for ACL reconstruction due to donor site morbidity associated with 
bone - patellar tendon - bone grafts (Barrett et al.  2002 ; Beynnon et al.  2002 ). While 
these reconstruction grafts may restore the physiological range of motion and 
joint function through mechanical fi xation, graft integration is not achieved as 
disorganized scar tissue forms within the bone tunnels and the native insertion 
site is lost during reconstruction. Without an anatomical interface, the graft - bone 
junction has limited mechanical stability (Kurosaka, Yoshiya, and Andrish  1987 ; 
Robertson, Daniel, and Biden  1986 ; Rodeo et al.  1999 ), and this lack of integra-
tion is the primary cause of graft failure (Friedman et al.  1985 ; Jackson et al.  1987 ; 
Kurosaka, Yoshiya, and Andrish  1987 ; Robertson, Daniel, and Biden  1986 ; Yahia 
 1997 ). Therefore, to enable the biological fi xation of ACL reconstruction grafts, 
the regeneration of the multi - tissue interface between soft tissue and bone is 
critical. 

 Based on the complex multi - tissue organization inherent at the soft tissue - to -
 bone junction, it is likely that interface formation will require  multiple types  of 
cells, a  scaffold  system which supports interactions between these different cell 
types, and the development of distinct yet continuous  multi - tissue regions  mimick-
ing the structure of the native insertion through physical and biochemical 
stimuli. For functional soft tissue - to - bone integration, the mechanism governing 
interface formation must be elucidated, in particular the role of heterotypic cel-
lular interactions in fi brocartilage formation and multi - tissue regeneration. These 
interactions may be examined using multi - scale co - culture models that can deter-
mine the relevance of homotypic and heterotypic cellular communications for 
interface regeneration and homeostasis. In addition, the success of any interface 
tissue engineering effort will require an in - depth understanding of the structure -
 function relationship at the native insertion in order to identify interface - relevant 
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design parameters. These understandings will collectively enable the design of 
stratifi ed scaffolds optimized for supporting heterotypic cellular interactions as 
well as the development of controlled matrix heterogeneity and multi - tissue 
stratifi cation mimicking those found at the soft tissue - to - bone junction. Recent 
advances in each of these three critical areas in interface tissue engineering will 
be discussed in the following sections.  

  17.3   MECHANISM OF INTERFACE REGENERATION: ROLE OF 
HETEROTYPIC CELLULAR INTERACTIONS 

 An understanding of the basic mechanisms governing interface regeneration is 
required for any successful interface tissue engineering effort. One of the funda-
mental questions to be addressed is how distinct boundaries between different 
types of connective tissues are re - established post injury. As described above and 
shown in Figure  17.1 , the native ACL - bone insertion consists of a linear progres-
sion of three distinct matrix regions: ligament, fi brocartilage, and bone, each 
exhibiting a characteristic cellular phenotype and extracellular matrix composi-
tion. Currently, the mechanisms of interface regeneration and homeostasis of 
these multi - tissue boundaries are not known. It is likely that communication 
among the cell types residing within these three distinct tissue regions — namely 
fi broblasts, fi brochondrocytes and osteoblasts — plays an important role in inter-
face homeostasis and regeneration post injury. 

 While tendon - to - bone healing following ACL reconstruction does not lead to 
the re - establishment of the native insertion, it has been well documented that a 
fi brovascular tissue is formed within the bone tunnel (Anderson et al.  2001 ; Batra 
et al.  2002 ; Blickenstaff, Grana, and Egle  1997 ; Chen et al.  2003 ; Chen et al.  1997 ; 
Eriksson, Kindblom, and Wredmark  2000 ; Grana et al.  1994 ; Liu et al.  1997 ; Panni 
et al.  1997 ; Rodeo et al.  1993 ; Song et al.  2004 ; Thomopoulos et al.  2002 ; Yoshiya 
et al.  2000 ). This layer later matures and reorganizes into fi brocartilage - like or 
fi brovascular tissue during the healing process. While this neo - fi brocartilage tissue 
is non - anatomical, these observations demonstrate that a fi brocartilage - like tissue 
can be regenerated  in vivo  between soft tissue and bone. Specifi cally, fi brocarti-
lage formation is usually localized to areas where the tendon graft  directly con-
tacts  the bone. When damage to the interface region during injury results in the 
non - physiologic exposure of normally segregated tissue types (that is, bone and 
ligament), heterotypic cellular interactions (osteoblast - fi broblast) are likely criti-
cal for initiating and directing the repair response that results in the regeneration 
of a fi brocartilage interface between these two types of tissue. Moreover,  in vivo  
cell - tracking studies have revealed that the tendon graft is populated by host cells 
within one week of implantation (Kobayashi et al.  2005 ). 

 Since the source and nature of these host cells are not known, cell types 
other than osteoblasts and fi broblasts may be involved in fi brocartilage forma-
tion. When Fujioka et al. sutured the Achilles tendon to its original attachment 
site, both cellular organization resembling that of the native insertion and the 
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deposition of collagen type X were observed (Fujioka et al.  1998 ). Based on these 
observations, Lu and Jiang (Lu and Jiang  2006 ) proposed a working hypothesis 
for interface regeneration, which stated that heterotypic interactions between 
osteoblasts and fi broblasts can lead to phenotypic changes or trans - differentiation 
of osteoblasts and/or fi broblasts that will result in interface regeneration. In addi-
tion, these interactions can promote the recruitment of progenitor or stem cells to 
the tendon - bone interface. Infl uenced by these heterotypic cellular communica-
tions, stem cells can differentiate into fi brochondrocytes and are responsible for 
fi brocartilage formation. 

 To test this hypothesis, several  in vitro  studies evaluating the role of 
osteoblast - fi broblast interactions on interface regeneration have been reported 
(Jiang, Nicoll, and Lu  2005 ; Tsai et al.  2005 ; Wang et al.  2007 ; Wang and Lu  2005 ). 
Both co - culture and tri - culture models of interface - relevant cell types have been 
used to determine the effects of cell communication on the development of fi bro-
cartilage - specifi c markers  in vitro . Wang et al. conducted the fi rst reported study 
to examine interactions between ligament fi broblasts and osteoblasts (Wang et al. 
 2007 ), where a 2D co - culture model permitting both physical contact and cellular 
interactions was designed to emulate the  in vivo  condition in which the tendon is 
in direct contact with bone tissue following ACL reconstruction. In this model, 
osteoblasts and fi broblasts were fi rst seeded on opposite sides of a tissue culture 
well. The cells were separated by a hydrogel divider preformed in the center of 
the well. Once the cells reached confl uence, the divider was removed, allowing the 
osteoblasts and fi broblasts to migrate and interact within the interface region 
(Figure  17.2 A).   

 It was found that osteoblast - fi broblast interaction led to a decrease in cell 
proliferation (Figure  17.2 B), a reduction in osteoblast - mediated mineralization, 
accompanied by an increase in the mineralization potential of fi broblasts. 

    Figure 17.2.     Effects of Heterotypic Cellular Interactions on Cellular Phenotypes. A) Co - culture 

of fi broblasts (green, CFDA - SE) and osteoblasts (red, CM - DiI) at the Interface region 

(bar   =   100    μ m). B) Effects of co - culture on cell growth (Wang, Shan, Choi, Oh, Kepler, Chen, and 

Lu  2007 ). The co - culture of fi broblasts and osteoblasts led to decreased proliferation of each 

cell type when compared controls ( * p    <    0.05). (See color insert.)  

(a) (b)
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Subsequent conditioned media studies have revealed that both autocrine and 
paracrine factors were responsible for the changes in phenotype observed during 
osteoblast - fi broblast co - culture (Shan, Wang, and Lu  2007 ). In addition to fi bro-
blasts and osteoblasts, chondrocytes are also present at the interface. 

 Recently, Jiang et al. evaluated osteoblast and chondrocyte interactions using 
a monolayer - micromass model (Jiang, Nicoll, and Lu  2005 ). This co - culture model 
permits direct physical contact between these two cell types, while maintaining 
the required 3D chondrocyte culture using the micromass culture. Similar to the 
fi ndings of Wang et al. (Wang et al.  2007 ), osteoblast mineralization potential was 
signifi cantly reduced due to heterotypic cellular interactions. These results col-
lectively suggest that osteoblast - fi broblast interactions modulate cell phenotypes 
and may lead to trans - differentiation. It is likely that osteoblast - fi broblast and 
osteoblast - chondrocyte interactions are key modulators of cell phenotypes at the 
graft - to - bone junction. It is not known, however, which or if any of these cells are 
directly responsible for interface regeneration. Fibroblast trans - differentiation 
was anticipated as the ACL - bone insertion site fi brocartilage may be derived 
from ligamentous tissue during development (Nawata et al.  2002 ). The hetero-
typic cellular interactions most likely also have a down - stream effect, either in 
terms of cell trans - differentiation into fi brochondrocytes or in the recruitment 
and differentiation of pluripotent cells for fi brocartilage formation. 

 While osteoblast - fi broblast interactions resulted in phenotypic changes and 
the expression of interface - relevant markers, a fi brocartilage - like interface was 
not formed  in vitro  in the above osteoblast – fi broblast co - culture study. Thus, 
chondrogenic cells such as fi brochondrocyte precursors, chondrocytes, or stimu-
lated stem cells may be involved in interface regeneration. When Lim et al. (Lim 
et al.  2004 ) coated tendon grafts with mesenchymal stem cells embedded in a 
fi brin gel, the formation of a zone of cartilaginous tissue between graft and bone 
was observed, suggesting a potential role for stem cells in fi brocartilage forma-
tion. Expanding upon their co - culture model, Wang et al. (Wang and Lu  2005 ) 
later evaluated the effects of cellular interactions on stem cell differentiation by 
tri - culturing fi broblasts, osteoblasts and bone marrow - derived mesenchymal 
stem cells (MSCs). In the tri - culture model, fi broblasts and osteoblasts were 
seeded on cover - slips on the left and right sides of a culture well, and the MSCs 
were loaded into the hydrogel insert and maintained in 3D culture. 

 Under the infl uence of osteoblast - fi broblast interactions, MSC proliferation 
remained unchanged, and these cells exhibited a similar level of alkaline phos-
phatase activity and proteoglycan synthesis as that of the insertion fi brochondro-
cytes. Moreover, under stimulation by osteoblast - fi broblast interactions, MSCs 
produced a type II collagen - containing matrix. These observations suggest that 
osteoblast - fi broblast interactions may indeed promote the differentiation of 
MSCs into insertion fi brochondrocytes and facilitate the eventual repair of the 
ligament - to - bone junction. 

 Findings from these  in vitro  examinations of heterotypic cellular interactions 
utilizing novel cellular interaction models provide preliminary validation of 
the hypothesis that osteoblast - fi broblast interactions promote the induction of 
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interface - specifi c markers in progenitor or stem cells, and demonstrate the effects 
of heterotypic cellular interactions in regulating the maintenance of specifi c 
cellular phenotypes at multi - tissue junctions. While the nature of the regulatory 
molecules and the mechanism behind these interactions remains elusive, cell 
communication is likely to be signifi cant for interface regeneration as well as 
homeostasis (Jiang et al.  2007 ; Lu and Jiang  2006 ).  

  17.4   STRUCTURE - FUNCTION RELATIONSHIP AT THE INTERFACE 

 In addition to elucidating the mechanism of interface regeneration, understand-
ing the interface structure - function relationship will also be important for func-
tional scaffold design for interface tissue engineering. Butler et al. (Butler, 
Goldstein, and Guilak  2000 ) proposed that, for functional tissue engineering, it is 
critical to determine the material properties of the tissue to be replaced, as well as 
to quantify the  in vivo  strains and stresses experienced by the native tissue. There-
fore, the structural and material properties of the insertion site must be character-
ized in order to re - engineer the functional interface between soft tissue and bone. 
Moreover, the biomimetic design parameters can serve as outcome criteria for 
determining the success of the tissue engineered interfaces. 

 The inherent multi - tissue organization and heterogeneity in matrix composi-
tion at the interface are likely related to the nature and distribution of the 
mechanical stress experienced at the region. Knowledge of mechanical properties 
of the insertion site has been largely derived from theoretical predictions (Matyas 
et al.  1995 ; Thomopoulos et al.  2003 ). Thomopoulos et al. examined the variation 
in biomechanical properties of the supraspinatus tendon - to - bone insertion in a 
rodent model (Thomopoulos et al.  2003 ). Using the Quasi - Linear Viscoelastic 
model (Fung  1972 ), the viscoelastic behavior of the tendon - to - bone insertion was 
predicted to vary along the length of the tendon, with superior elastic and visco-
elastic properties predicted for the tendon - to - fi brocartilage transition compared 
to the fi brocartilage - to - bone transition (Thomopoulos et al.  2003 ). These reports 
strongly suggest that the matrix organization at the tendon - to - bone transition is 
optimized to sustain both tensile and compressive stresses. 

 The direct measurement of interface mechanical properties has been diffi cult 
due to the complexity and the relative small scale of the interface, in general 
ranging from 100    μ m to 1   mm in length (Cooper and Misol  1970 ; Gao and Messner 
 1996 ; Wang, Mitroo, Chen, Lu, and Doty  2006 ; Woo and Buckwalter  1988 ). 
Recently, using the novel functional imaging method of ultrasound elastography 
(Konofagou and Ophir  2000 ), Spalazzi et al. conducted the fi rst experimental 
determination of the strain distribution at the ACL - to - bone interface (Spalazzi, 
Gallina, Fung - Kee - Fung, Konofagou, and Lu  2006 ). In this study, the tibio - 
femoral joint was mounted on a material testing system and loaded in tension in 
the tibial orientation while radiofrequency (RF) data were collected over time. 
Axial elastograms between successive RF frames were then generated using 
cross - correlation and recorrelation techniques. Elastography analyses revealed 
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that the displacement under applied tension across the insertion is region - 
dependent (Figure  17.3 A), with the highest displacement found at the ACL, then 
decreasing in magnitude from the interface to bone.   

 These regional differences suggest an increase in tissue stiffness from liga-
ment to bone. In addition, both tensile and compressive strain components were 
detected at the insertion while the knee was loaded in tension. These fi ndings are 
in agreement with fi nite - element model analyses of the medial collateral ligament 
(MCL) performed by Matyas et al., which predicted that the maximum principal 
tensile stresses are located in the MCL mid - substance, while the maximum prin-
cipal compressive stresses occurred near the distal edge of the MCL - to - bone 
insertion (Matyas, Anton, Shrive, and Frank  1995 ). 

 Fibrocartilage is often localized in the anatomical regions subjected to com-
pressive loading (Vogel  1995 ; Vogel and Koob  1989 ). It is thus likely that the 
insertion fi brocartilage will also bear the compressive strain detected in the elas-
tography analysis (Spalazzi, Gallina, Fung - Kee - Fung, Konofagou, and Lu  2006 ). 
Recently, Moffat et al. performed the fi rst experimental determination of the 
compressive mechanical properties of the ACL – bone interface (Moffat et al. 
 2005 ). Combining microscopic mechanical testing with optimized digital image 
correlation methods (Wang et al.  2003 ), the region - dependent changes in inter-
face mechanical properties were quantifi ed. In this method, the cells residing in 
the interface were fi rst stained with Hoechst nuclear dye in order to enhance 
texture correlation following the methods of Wang et al. (Wang et al.  2002 ). 

 The samples were subsequently loaded in a custom unconfi ned compression 
microscopy device. Displacement under the applied load was then imaged using 
epifl uorescence microscopy and digital image analysis was performed to deter-
mine the mechanical properties. As shown in Figure  17.3 B, the incremental 
displacement decreased gradually from the non - mineralized to mineralized fi bro-
cartilage to bone, indicating an increase in tissue stiffness across these regions. 
The interface also exhibited a region - dependent decrease in strain and a signifi -
cantly higher elastic modulus for the mineralized fi brocartilage when compared 
to the non - mineralized fi brocartilage zone (Moffat, Chahine, Hung, Ateshian, and 
Lu  2005 ). These regional mechanical responses enable a gradual transition rather 
than an abrupt increase in tissue strain across the insertion, and are likely intrin-
sic to the multi - tissue ACL - to - bone interface, as they were evident under both 
the applied tension and compression. These observations collectively demon-
strate the functional importance of the fi brocartilage interface in mediating load 
transfer between soft and hard tissue. 

 Given the structure - function dependence inherent in the biological system, 
the region - dependent changes in mechanical properties reported by Moffat et al. 
(Moffat, Chahine, Hung, Ateshian, and Lu  2005 ) are likely correlated to changes 
in matrix organization and composition across the interface. Characterization of 
the insertion site using Fourier Transform Infrared Imaging (FTIR - I) (Spalazzi, 
Boskey, and Lu  2007 ) and X - ray analysis (Moffat, Chahine, Hung, Ateshian, and 
Lu  2005 ) revealed an abrupt change in calcium and phosphorous content pro-
gressing from ligament, to interface, then to bone (Moffat et al.  2006 ; Spalazzi 
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    Figure 17.3.     Structure - Function Relationship at the Ligament - to - Bone Insertion Site. A) 

Elastographic analysis of the ACL - to - Bone insertion under uniaxial tension (Spalazzi, Gallina, 

Fung - Kee - Fung, Konofagou, and Lu  2006 ). Displacement map calculated from ultrasound 

radiofrequency data (increase in magnitude in mm:  blue to red , bar   =   5   mm). A region - depen-

dent decrease in displacement resulted from increasing tissue stiffness from the ligament to 

fi brocartilage interface and then to bone. B) Microcompression testing of the ACL - to - Bone 

insertion revealed region - specifi c increase in tissue stiffness from the non - mineralized (NFC) 

to mineralized (MFC) and to bone (Moffat, Chahine, Hung, Ateshian, and Lu  2005 ). In the 

displacement curve, the slope of the curve in each region represents the strain, with lower 

strain measured in the MFC compared to the NFC zone. C) Matrix composition and distribution 

at the ACL - to - Bone insertion site as determined by FTIR - I analysis (Spalazzi, Boskey, and Lu 

 2007 ). i) Light images of tissue regions from which IR spectra were collected. ii) Amide I peak 

integration area maps indicating regional variations in collagen content. iii) Maps of mineral -

 to - matrix ratio showing mineral presence is only detectable in the mineralized fi brocartilage 

and bone regions. (See color insert.)  

(a)

(c)

(b)
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et al.  2004 ; Sun, Moffat, and Lu  2007 ). Specifi cally, FTIR - I analysis of the interface 
found that calcium phosphate presence was only detected at the mineralized 
fi brocartilage and bone regions (Figure  17.3 C). It is likely that the measured 
increase in elastic modulus is directly related to the presence of calcium phos-
phate within the mineralized fi brocartilage region of the interface. It has been 
suggested that the quantity of calcifi ed tissue at the insertion may be positively 
correlated to the force transmitted across the calcifi ed zone (Benjamin, Evans, 
Rao, Findlay, and Pemberton  1991 ), and warrants further evaluation. In addition 
to the mineral phase, large extracellular matrix molecules such as collagen 
or proteoglycans are also expected to play a role in maintaining the structure -
 function profi les at the soft tissue - to - bone interface, and should be further 
investigated. 

 In summary, theoretical and experimental evaluations of the interface 
suggest that a structure - function relationship exists at the ligament - to - bone 
insertion. As such, more in - depth determination of the chemical and mechanical 
properties of the insertion at the nano - , micro - , and macro - scale levels are needed 
for providing key design parameters for interface tissue engineering. The devel-
opment and application of novel characterization methods with the requisite 
resolution to quantify both structural and functional variations across multi - 
tissue regions will be essential for augmenting the current understanding of this 
complex interface.  

  17.5   MULTI - PHASED SCAFFOLD DESIGN FOR INTERFACE 
TISSUE ENGINEERING 

 Investigations of the role of heterotypic cellular interactions in interface regen-
eration, as well as interface structure - function relationships, are invaluable for 
biomimetic scaffold design in orthopedic interface tissue engineering. It is likely 
that interface formation will require  multiple types  of cells, a  scaffold  system 
which supports interactions between different cell types, and the development of 
distinct yet continuous  multi - tissue regions  through physical and biochemical 
stimuli. Therefore, the design of biomimetic, multi - phased scaffolds able to 
promote heterotypic cellular interactions and multi - tissue formation will be criti-
cal for interface tissue engineering. 

 Stratifi ed scaffold design has been researched for orthopedic tissue engineer-
ing, and in particular for osteochondral applications (Gao et al.  2001 ; Hollister, 
Maddox, and Taboas  2002 ; Lu et al.  2005 ; Niederauer et al.  2000 ; Schaefer et al. 
 2000 ; Yu, Grynpas, and Kandel  1997 ). The fi rst generation of the stratifi ed scaf-
folds were formed by joining together two different scaffold phases by sutures or 
sealants. Schaefer et al. (Schaefer, Martin, Shastri, Padera, Langer, Freed, and 
Vunjak - Novakovic  2000 ) seeded bovine articular chondrocytes on PGA meshes 
and periosteal cells on PLGA/polyethylene glycol foams, and subsequently 
sutured these separate constructs together at one or four weeks after seeding. 
Integration between the two scaffolds was observed to be superior when brought 
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together at week one instead of four, suggesting the importance of cellular 
interactions immediately post - seeding. Similarly, Gao et al. (Gao, Dennis, 
Solchaga, Awadallah, Goldberg, and Caplan  2001 ) seeded mesenchymal stem 
cell (MSC) - differentiated chondrogenic cells in a hyaluronan sponge and MSC -
 differentiated osteogenic cells in a porous calcium phosphate scaffold. These scaf-
folds were then joined by fi brin sealant and implanted subcutaneously in syngeneic 
rats, with continuous collagen fi bers observed between the two scaffolds six weeks 
following implantation. Shortly after, Sherwood et al. designed a  continuous  
biphasic scaffold using the TheriForm  ™   3D printing process and evaluated chon-
drocyte response on this scaffold (Sherwood et al.  2002 ). Using a sequential 
polymerization technique, Alhadlaq and Mao fabricated bi - layered human 
mandibular condyle - shaped osteochondral constructs with MSC - derived chon-
drocytes and osteoblasts encapsulated in distinct layers of polyethylene glycol -
 diacrylate hydrogel (Alhadlaq and Mao  2005 ). Distinct cartilaginous and osseous 
regions were observed post - implantation in a subcutaneous model, with integra-
tion between the two layers. These studies demonstrate the importance of multi -
 phased scaffold design for multi - tissue formation. 

 Due to the complexity inherent at the soft tissue - to - bone interface and the 
need to replace more than one type of tissue, stratifi ed scaffold design is critical 
for interface tissue engineering. The aforementioned biphasic construct studies 
represent a signifi cant advancement over strategies which have focused on regen-
erating only a single type of tissue on a construct with homogenous properties. In 
addition, advanced scaffold design must take into consideration the regeneration 
of the interface region between distinct tissue types. A biomimetic substrate is 
essential for maintaining the mechanical strength and structural support, as well 
as for providing the optimal growth environment for fi brocartilage formation (Lu 
and Jiang  2006 ). 

 The multi - tissue transition from ligament to fi brocartilage and to bone at the 
insertion site poses signifi cant challenges for interface tissue engineering as more 
than three distinct types of tissue are present. In addition to supporting the growth 
and differentiation of relevant cell types, the  ideal scaffold  for interface tissue 
engineering must direct heterotypic and homotypic cellular interactions while 
promoting the formation and maintenance of controlled matrix heterogeneity. 
Consequently, the scaffold should exhibit a gradient of structural and material 
properties mimicking those of the native insertion zone. 

 Compared to a homogenous structure, a scaffold with pre - designed inhomo-
geneity may better sustain and transmit the distribution of complex loads inher-
ent at the ACL - to - bone interface. The interface scaffold must also be biodegradable 
and exhibit mechanical properties comparable to those of the ligament insertion 
site. Finally, the tissue engineered graft must be easily adaptable with current 
ACL reconstruction grafts, or pre - incorporated into the design of ligament 
replacement grafts, in order to enable  in vivo  graft integration. Modeled after the 
native ACL - to - bone interface and inspired by the structure - function relationship 
inherent at the ACL - to - bone interface, Spalazzi et al. were the fi rst to report on 
the design of a multi - phased scaffold for interface tissue engineering (Spalazzi 
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et al.  2006 ). Specifi cally, the scaffold consisted of three distinct yet continuous 
phases (Figure  17.4 A), with each designed for a particular cell type and tissue 
region found at the interface: Phase A for fi broblasts and soft tissue formation, 
Phase B as an interface region intended for fi brochondrocytes and fi brocartilage 
formation, and Phase C (Lu, El Amin, Scott, and Laurencin  2003 ) for osteoblasts 
and bone tissue.   

 Both co - culture and tri - culture of the interface relevant cell types on the tri -
 phasic scaffold have been reported, and the feasibility of using this model system 
for interface tissue engineering has been evaluated (Spalazzi, Doty, Moffat, 

    Figure 17.4.     Biomimetic Multiphasic Scaffold for Interface Tissue Engineering: Design, 

 In Vitro  and  In Vivo  Testing. A) Multi - phased scaffold modeled after the three regions of the 

interface:  Phase A  for soft tissue,  Phase B  for the fi brocartilage region and  Phase C  for Bone 

(Spalazzi, Doty, Moffat, Levine, and Lu  2006 ). B)  In vitro  co - culture of fi broblasts and osteo-

blasts on the triphasic scaffold resulted in phase - specifi c cell distribution and controlled matrix 

heterogeneity (Spalazzi, Doty, Moffat, Levine, and Lu  2006 ). Fibroblasts (Calcein AM,  green ) 

localized in Phase A and osteoblasts (CM - DiI,  red ) in Phase C at day 1 and day 28. Both cell 

types migrated into Phase B by day 28 (bar   =   200    μ m). C)  In vivo  evalution of the multi - phased 

scaffold co - cutlured with fi broblasts and osteoblasts revealed abundant tissue infi ltration and 

matrix production at four weeks (Spalazzi, Dagher, Doty, Guo, Rodeo, and Lu  2006 ). (Modifi ed 

Goldner ’ s MassonTrichrome, bar   =   200    μ m). D)  In vivo  evalution of the multi - phased scaffold 

tri - cutlured with fi broblasts, chondrocytes, and osteoblasts revealed abundant tissue infi ltra-

tion and matrix production at four weeks (Spalazzi, Dagher, Doty, Guo, Rodeo, and Lu  2006 ). 

(Modifi ed Goldner ’ s MassonTrichrome, bar   =   200    μ m). (See color insert.)  

(a)

(c) (d)(b)
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Levine, and Lu  2006 ; Spalazzi, Dagher, Doty, Guo, Rodeo, and Lu  2006 ). Spalazzi 
et al. (Spalazzi, Doty, Moffat, Levine, and Lu  2006 ) seeded fi broblasts and 
osteoblasts onto Phase A and Phase C, respectively. Phase B was left unseeded. 
After four weeks, the fi broblasts and osteoblasts each proliferated within 
their respective phases and both cell types migrated into the interface phase 
(Figure  17.4 B). The stratifi ed scaffold design enabled spatial control of cell distri-
bution, with both osteoblasts and fi broblasts localized in their respective regions, 
while restricting their interaction to the interface region. This controlled cell 
distribution also resulted in the formation of cell type - specifi c matrix on each 
phase, with a mineralized matrix detected only in Phase C, and an extensive type 
I collagen matrix found on both Phases A and B. When the tri - phasic scaffold 
co - cultured with osteoblasts and fi broblasts was evaluated in a subcutaneous 
athymic rat model, abundant tissue formation was observed on both Phase A and 
Phase C. As shown in Figure  17.4 C, extensive tissue infi ltration and vasculariza-
tion was observed in all three phases. Cells migrated into Phase B, and increased 
matrix production was evident in this interface region. Extracellular matrix pro-
duction compensated for the temporal decrease in scaffold mechanical proper-
ties, and more importantly, controlled matrix heterogeneity was maintained 
 in vivo . 

 Similar to the fi ndings of the 2D co - culture model, while both anatomic 
ligament -  and bone - like regions were found on the tri - phasic scaffold  in vitro  and 
 in vivo , no fi brocartilage - like tissue was formed in the interface region. Recently, 
Spalazzi et al. extended their  in vivo  evaluation by tri - culturing osteoblasts, chon-
drocytes and fi broblasts on the multi - phasic scaffold (Spalazzi, Dagher, Doty, 
Guo, Rodeo, and Lu  2006 ). Specifi cally, articular chondrocytes were encapsulated 
in a hydrogel matrix and loaded into Phase B of the scaffold, while ligament fi bro-
blasts and osteoblasts were pre - seeded onto Phase A and Phase C, respectively. 
After two months  in vivo , an extensive collagen - rich matrix was prevalent in all 
three phases of the tri - cultured scaffolds, and the mineralized matrix was again 
confi ned to the bone region (Phase C). In addition, a fi brocartilage - like region of 
chondrocyte - like cells embedded in a matrix of collagen types I and II as well as 
glycosaminoglycans was observed in the tri - cultured group. 

 These promising  in vitro  and  in vivo  results suggest that a fi brocartilage 
region can indeed be formed in tri - culture, and demonstrate the potential of the 
multi - phased scaffold for interface regeneration. Moreover, this scaffold can be 
used as a model system to elucidate the mechanism for multi - tissue regeneration, 
determining the role of heterotypic cellular interactions as well as the effects 
of biochemical and biomechanical stimulation for interface tissue engineering. 
Heterotypic cellular interactions are likely facilitated by physiological loading, 
which can mediate cytokine transport between different cell types and tissue 
regions. Additionally, nutrient transport (Botchwey et al.  2003 ; Botchwey et al. 
 2004 ; Cartmell et al.  2003 ; Mauck et al.  2003 ; Mauck, Hung, and Ateshian  2003 ; 
Porter et al.  2005 ) through the scaffold and bioreactor cultures (Altman et al. 
 2002 ; Botchwey et al.  2001 ; Darling and Athanasiou  2003 ; Freed, Martin, and 
Vunjak - Novakovic  1999 ; Freed, Vunjak - Novakovic, and Langer  1993 ; Yu et al. 
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 2004 ) will be critical for optimizing the stratifi ed scaffolds designed for interface 
regeneration.  

  17.6   SUMMARY AND CHALLENGES IN INTERFACE 
TISSUE ENGINEERING 

 Interface tissue engineering is an emerging research area that focuses on the inte-
gration of soft tissue to bone by regenerating the functional transition between 
these distinct tissue types. Building upon previous advances in tissue engineering, 
interface tissue engineering aims to develop innovative technologies for multi -
 tissue regeneration, with the extended goal of addressing the challenges of 
 biological  fi xation of tissue - engineered grafts with each other and with the host 
environment. Current efforts in interface tissue engineering are guided by the 
working hypothesis that tissue - to - tissue interfaces may be regenerated by con-
trolling the interaction between relevant cell types using a stratifi ed scaffold with 
a pre - designed biomimetic gradient of structural and functional properties. 

 The success of any interface tissue engineering effort will require a systematic 
characterization of the structure - function relationship existing at the native 
insertion site, as well as the elucidation of the mechanisms governing interface 
regeneration. While the majority of research in this fi eld has focused on interface 
formation, the engineering of multiple tissue types must also address the problem 
of maintaining the stability of pre - formed tissue regions. Moreover, the effects of 
biological, physical and chemical stimulation on interface regeneration are not 
known and must be investigated. These understandings will be instrumental for 
formulating the optimal tissue engineering strategies for interface regeneration 
and the formation of complex musculoskeletal tissue systems. 

 In summary, interface tissue engineering via the regeneration of an anatom-
ical soft tissue - to - bone interface will enable long term graft function and bio-
logical fi xation. The multi - phasic scaffold design principles and co - culturing 
methodologies optimized through interface tissue engineering can lead to the 
realization of integrative fi xation devices for orthopedic repair. Moreover, by 
bridging distinct tissue types, interface tissue engineering will be instrumental for 
the  ex vivo  development and  in vivo  translation of integrated musculoskeletal 
tissues with biomimetic complexity and functionality.  
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  18.1   OVERVIEW 

 A potential cell - based therapy for Alzheimer ’ s disease, spinal cord injury and 
other non - treatable damage to the central nervous system (CNS) is the use of 
neural progenitor cells (NPCs). To exploit the therapeutic potential of NPCs, sci-
entists must fi rst learn how to control the differentiation and proliferation of 
NPCs. NPC characterization  in vivo  can be cumbersome due to the myriad of 
stimulants found in the neurogenic niche. Thus, the identifi cation of stimulants 
that affect NPC differentiation and proliferation is best performed  in vitro . 
Examples of such cues are soluble and insoluble proteins secreted by other cells, 
membrane - bound signaling proteins, and topography. One additional consider-
ation is the electric gradient that is present in the developing and adult nervous 
system. In the developing nervous system, a rostral to caudal electric fi eld guides 
growth and development of the nervous system. At this time there are also neural 
progenitor cells present, which are differentiating into the cells that make up the 
nervous system. Yet, the effect of electrical stimulation on neural progenitor cells 
is yet to be studied. So this chapter focuses on recent studies that may give an 
inkling of the relationship between electrical stimulation and the proliferation, 
growth and differentiation of neural progenitor cells. Briefl y, the main subjects 
covered in this text are the effect of electric fi elds on neurons, the use of electrical 
stimulation to improve spinal cord injury, and the complexity of investigating 
electrical stimulation of cells  in vitro .  

  18.2   CELLS IN THE NERVOUS SYSTEM 

 The central nervous system (CNS) is comprised of two types of cells, neurons and 
glia. There exist 10 to 50 times more glial cells than neurons in the CNS of verte-
brates. Glial cells provide support and structure to the CNS; insulate axons with 
myelin; perform housekeeping duties regularly and during injury; guide migrating 
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neurons and direct the outgrowth of axons in development; regulate presynaptic 
terminals at the nerve - muscle junction; and more. Not forgetting that neurons 
have subcategories, the glial cells within the nervous system are further catego-
rized into microglia and macroglia. Macroglia are further subcategorized in the 
CNS and the peripheral nervous system (PNS) into oligodendrocytes, astrocytes, 
and Schwann cells, respectively. 

 First, consider microglia. As the name implies, microglia are typically much 
smaller than the cells found in the CNS and are the smallest of the glial cells. 
Microglia are phagocytes produced outside the nervous system and are unrelated 
physiologically and developmentally to the other cells of the CNS. Microglia are 
not phagocytotic until they are mobilized or become activated because of injury, 
disease, or infection of the nervous system. The brain owes its limited immuno-
logical response to microglia, because microglia remove apoptotic cells and are 
activated during injury. 

 Second, oligodendrocytes in the CNS and Schwann cells in the PNS are 
responsible for making the transmission of neuronal signals more effi cient. They 
do this by insulating axons with sheaths of a lipid - based substance called myelin. 
The sheaths are created by oligodendrocytes/Schwann cells densely wrapping 
their membranous processes around the axon repeatedly. A single oligodendro-
cyte can myelinate an average of 15 internodes/axons. Schwann cells, by compari-
son, only envelop one internode/axon. The myelin produced by Schwann cells is 
not chemically the same as that produced by oligodendrocytes, but are very 
similar. 

 Lastly, astrocytes derive their name from the Greek word  astron , which means 
of the stars. The reason for this name is easily understood when observing astro-
cytes  in vitro , since their cell bodies resemble stars. Astrocytes are the most 
numerous cells in the CNS and were once consider solely supportive cells. One 
thought is that astrocytes fi lter nutrients to neurons, since astrocytes have end -
 feet at both capillaries and neurons. These end - feet encircle capillaries in the 
brain, helping make an impermeable blood barrier know as the blood - brain 
barrier. Neurotoxic substances and high concentrations of neurotransmitters such 
as norepinephrine and glutamate are prevented from entering or accumulation in 
damaging concentrations in the brain, respectively, by the blood - brain barrier. 

 The functions that astrocytes perform are indispensable for the survival of 
neurons  in vivo . Astroglial functions were once considered to be purely sup-
portive. What is known about glia and how they are viewed is partly due to prece-
dence given to neurons over other cells when studying the nervous system. 
Previous attention was mainly given to neurons because of their intriguing capa-
bilities such as the transmission of signals via the action potential. Therefore, 
astrocytes were studied for their relevance to neurons. Recently, however, astro-
cytes and other cells in the CNS are shown to serve a more profound role due to 
the discovery of neurogenesis (Ma et al.  2005 ). This adds to the problem of clearly 
categorizing or defi ning what astrocytes are (Kimelberg  2004 ). In other words, the 
neurogenic niche is infl uenced by astrocytes, making astrocytes more than mere 
support cells for neurons.  
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  18.3   NEURAL PROGENITOR CELLS 

 Neural Progenitor Cells (NPCs) are present in the adult nervous system through-
out life, can self - renew but not indefi nitely, and give rise to (differentiate into) 
cells of the nervous system (neurons and glial cells) (Gage  2000 ; Turner et al.  1990 ; 
Turner and Cepko  1987 ; Baizabal et al.  2003 ). (See Figure  18.1 ). However, in the 
adult CNS, differentiation occurs in specifi c niches. Some of the locations where 
NPCs are found within the adult nervous system are the olfactory bulb (Fisher 
 1997 ; Baizabal et al.  2003 ), hippocampus (Gage et al.  1995 ), sub - ventricular 
zone (Palmer et al.  1997 ) and spinal cord (Weiss et al.  1996 ; Kehl et al.  1997 ; 
Shihabuddin et al.  1997 ). The following section will provide additional detail 
about these cells. The research performed in the author ’ s group characterizes the 
behavior of NPCs from the hippocampus of rats and humans under different 
environmental conditions.   

  18.3.1   History of Postnatal Neurogenesis 

 Originally, it was thought that neurogenesis  1   in mammals only occurred in the 
early developmental stages (Cajal  1913 ). In 1913, Santiago Ramon  y  Cajal deter-
mined that neurons were generated only before birth (Ramon  y  Cajal  1913 ). 

    Figure 18.1.     Neural Progenitor Cells  (Gage  2000 ), reprinted with permission from AAAS .  
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  1.    Neurogenesis: a process of generating functional neurons from progenitor cells. This process in-
cludes proliferation and neuronal fate specifi cation of neural progenitors, and maturation and func-
tional integration of neuronal progeny into neuronal circuits. 



NEURAL PROGENITOR CELLS 617

Limited laboratory techniques prevented successful investigations into specula-
tions of dividing cells in the postnatal CNS. Thus, Ramon  y  Cajal ’ s work became 
a dogma for about 90 years, despite evidence that began to prove otherwise 
starting in 1961. For a detailed historical timeline see (Ming and Song  2005 ) and 
(Gross  2000 ). 

 In 1982, Bromodeoxyuridine (5 - bromo - 2 - deoxyuridine, BrdU) was success-
fully used to detect neurogenesis in mice (Gratzner  1982 ) and later in humans 
(Eriksson et al.  1998 ). BrdU labeling is still used to identify adult neurogenesis 
and isolate NPCs from the brain. Once NPCs were cultured successfully  in vitro , 
the functionality of differentiated neurons was electrophysiological tested to 
established that NPCs were indeed capable of producing neurons. 

 Then, a very important study of the telencephalon (brain region) in song birds 
related neurogenesis with learning (Alvarez - Borda et al.  2004 ). Furthermore, 
synaptic activity and integration of new neurons into preexisting neural networks 
has been shown in the CNS, specifi cally in the olfactory bulb (Saghatelyan et al. 
 2003 ; Belluzzi et al.  2003 ). Still, much is unknown. Future challenges lie in under-
standing why neurogenesis occurs only in certain areas of the brain; what func-
tions neurogenesis serves; and how neurogenesis is endogenously directed.  

  18.3.2    NPC  s  in the Brain 

 Within the brain, there are two zones that are most proliferative or neurogenic: 
the sub ventricular zone (SVZ) of the lateral ventricles, and the subgranular zone 
(SGZ) of the dentate gyrus in the hippocampus (Gage  2002 ; Ming and Song 
 2005 ). These two areas are being extensively investigated because of their ability 
to maintain neurogenesis or neural progenitor cells throughout adult life (Doetsch 
 2003 ). It should also be noted that outside these areas, there are proliferating 
progenitor cells that give rise to glial cells but not to neurons (Horner et al.  2000 ; 
Gage  2000 ; Rakic  2002 ; Magavi et al.  2000 ). 

 Yet, purifi ed proliferating cells, dissected out of many regions in the adult 
brain (Palmer et al.  1999 ), even non - neurogenic regions, such as the spinal cord 
(Shihabuddin et al.  2000 ; Shihabuddin et al.  1997 ; Palmer et al.  1999 ), can produce 
neurons  in vitro , when cultured in the presence of FGF (Palmer et al.  1999 ), and 
after grafting into neurogenic regions  in vivo  (Kondo and Raff  2000 ), such as the 
dentate gyrus (Shihabuddin et al.  2000 ). 

 The exact phenotype or identity of the most primitive cells that are truly 
adult stem cells (least differentiated with indefi nite self - renewal) in the adult 
CNS, which terminally differentiate into glia and neurons, has not been clearly 
established. Some evidence indicates that a subpopulation of ependymal cells in 
the lining of the third ventricle are stem cells (Johansson et al.  1999 ). Yet other, 
more convincing evidence points to a subset of cells in the SVZ that are astrocyte -
 like (GFAP expressing) as being adult stem cells (Doetsch et al.  1999 ), as described 
in a recent review by Alvarez - Buylla (Alvarez - Buylla et al.  2002 ). The resolution 
of this issue is crucial in understanding neurogenesis and the development of cell -
 based therapies for the nervous system (Alvarez - Buylla et al.  2002 ; Lindvall et al. 
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 2004 ). In either case, more evidence is needed to identify the location of stem cells 
in the adult brain. 

 The way scientists think of the CNS and CNS therapies continues to change, 
as evidence accumulates for the use of NPCs in CNS injury. Studies are indicating 
that the CNS has greater self - repair potential than was once believed, in part due 
to investigations into NPC behavior. For example, degeneration of motor neurons 
seems to trigger a response in NPC proliferation, migration and neurogenesis in 
the lumbar region of the adult spinal cord (Chi et al.  2006 ). 

 The SVZ and SGZ, as well as other areas with NPC activity, serve as models 
for the study of neurogenesis  in vivo  because of migration, differentiation, and 
maturation of NPCs. These areas are interesting because the mature daughter 
progenitor cells that arise from asymmetric cell divisions  2  , in both the SVZ and 
dentate gyrus of the hippocampus, migrate to distinct targeted areas as they 
mature. At the targets, the progenitor cells may completely differentiate or 
become quiescent (Watts et al.  2005 ). Cellular signaling occurs throughout this 
process. Thus, within these niches lie guidance, fate - specifi c, and proliferative cues 
that control NPC behavior. Suspected cues are being studied to discern the 
complex task of controlling NPCs. 

 Cues or signals can be proteins that make up the extracellular matrix or pro-
teins that come from surrounding cells, such as secreted soluble proteins and 
membrane - bound proteins that come in contact with progenitor cells. Proteins 
used for interaction or communication between NPCs and astrocytes, oligoden-
drocytes or neurons are of interest because these CNS cells are involved in every 
phase of neurogenesis in the adult brain. Astrocytic cues are of particular interest 
because astrocytes are the most abundant cell type in the brain and are found in 
neurogenic niches.  

  18.3.3    NPC  Fate Identifi cation 

 To determine the fate of differentiated NPCs and to distinguish other cell types 
when co - cultured with NPCs, immunocytochemistry and fl uorescence micros-
copy are used. Most often NPCs are derived from transgenic (genetically modi-
fi ed) mice that express green fl uorescent protein (GFP). The GFP in NPCs is 
ubiquitous, making NPCs easily distinguished from other cells when co - cultured 
with non - GFP cells using a fl uorescent microscope. 

 In ICC, antibodies with specifi c antigenic targets are used to identify proteins 
that are unique to certain cell types. These antibodies are tagged with fl uorescent 
probes that when exposed to a specifi c excitation wavelength(s) emit light allow-
ing the probes to be visualized. So if the cell is fl uorescent, it contains the cell -
 type - specifi c protein identifi ed by the antibody. This does not conclusively prove 
that the cells identifi ed are of a specifi c type, unless their functionality is tested. 

  2.    Asymmetric cell division refers to daughter cells that differ in fate produced from the same cell. 
For example, a stem cell can asymmetrically divide to produce one daughter cell like itself, able to 
continue as a stem cell, and one daughter unlike itself, able to differentiate. 
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However, this method is used by almost all researchers to determine what cells 
types stem cells have differentiated into. 

 The proteins (antigens) or antibodies commonly used to identify cells that 
differentiate from NPCs are listed in Table  18.1 .    

  18.3.4   Possible  NPC  Applications 

 Currently, NPCs are one of the most investigated progenitor cells because of their 
ability to produce neurons and the demand for a bioengineered solution to neu-
rodegenerative diseases and nervous system injury (Fisher  1997 ; Baizabal et al. 
 2003 ; Goh et al.  2003 ; McDonald et al.  2004 ). For example, neurons lost due to 
Parkinson ’ s or Alzheimer ’ s diseases may be potentially replaced using NPCs. 
First, however, stem or progenitor cells must be completely understood to be used 
as an effective therapy, in any tissue. 

 One aspect of stem cell behavior that must be carefully characterized is the 
adoption of a fi nal cell fate. At fi rst, it was believed that stem cell fate was geneti-
cally programmed or intrinsically controlled (Rakic  1981 ). Later, evidence dem-
onstrated that cell fate is dependent on environmental cues or extrinsic signals 
that trigger changes in behavior (O ’ Neill and Schaffer  2004 ). The dependence of 
NPCs on the surrounding environment has been shown in many  in vivo  trans-
plantations. For example, transplanted NPCs in the developing eye of a rat can 
migrate, integrate, and adopt similar morphology of adjoined but distinct cell 
layers in the retina (fl uorescent in Figure  18.2 ) (Sakaguchi et al.  2003 ). The signals 
that lead NPCs to migrate into a specifi c layer and adopt the surrounding layer ’ s 
morphology are unknown.   

 Determining the cues that allow or prevent stem cells to integrate into 
tissues is crucial for the advancement of cell - mediated therapies and cellular 
biology. If stem cells cannot be controlled  in vivo , adverse effects, such as the 
formation of teratomas, can arise when applied therapeutically, especially in the 
case of pluripotent stem cells. In clinical trials, fetal neural tissue implanted into 
patients with Parkinson ’ s disease alleviated the symptoms of some patients (Fill-
more et al.  2005 ); yet, the inability to control stem cell behavior exacerbated the 
symptoms of others (O ’ Neill and Schaffer  2004 ; Barinaga  2000 ). Thus, if scientists 
are to overcome today ’ s limited ability to treat major damage to the CNS using 

 TABLE 18.1.     Antibodies Used to Identify Neural Cell Types 

   Cell Type     Marker     Description  

  Progenitor    Nestin    Intermediate fi lament protein expressed in both 
neuronal and glial progenitors  

  Neuron    TUJ1    Epitope of type III  β  - tubulin  
      MAP2ab    Microtubule associated protein 2ab  
  Astrocyte    GFAP    Glial Fibrilary Acidic Protein, an astrocyte specifi c 

intermediate fi lament  
   Oligodendrocytes     RIP       
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stem cells, then scientists must fi rst completely learn to control stem cells 
(Lindvall et al.  2004 ; Marshall et al.  2006 ). Additionally, understanding the pro-
cesses that occur in the diseased or injured CNS is necessary for cell - based thera-
pies to overcome limited therapeutic capability.   

  18.4   CENTRAL NERVOUS SYSTEM DAMAGE AND REPAIR 

 Generally, when injury occurs in the body, the immune system ’ s macrophages 
remove damaged cells and debris while releasing substances that promote healing 
or growth. However, the blood - spine barrier slows and limits macrophage entry 
only to the site of trauma where the blood - spine barrier is weak (Lazarov - 
Spiegler et al.  1996 ; Schmidt and Leach  2003 ). When the spinal cord is injured, 
neurons and neural connections are destroyed and debris is created. Many glyco-

    Figure 18.2.     NPCs implanted into the developing retina  (Sakaguchi et al.  2003 ). Used with 

permission from Blackwell Publishing Ltd .  
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proteins found in the debris inhibit axonal  3   growth (Caroni and Schwab  1988 ; 
Cadelli and Schwab  1991 ). Since the immune system ’ s intervention is slow in 
the CNS — compared to the peripheral nervous system (PNS) — and restricted, 
the injury is not properly  “ cleaned ”  and healing substances are not delivered. 
Furthermore, astrocyte proliferation is activated (Kakulas and Taylor  1992 ) 
producing a physical and chemical (astrocyte secrete soluble factors) barrier, 
known as the  “ glial scar, ”  through which surviving neurons cannot extend their 
axons (Geller and Fawcett  2002 ). Simply stated, an inhospitable environment 
which prevents axonal growth (Houle and Tessler  2003 ; McKerracher  2001 ) 
emerges and remains after CNS injury. 

  18.4.1   Repair Strategies 

 Since the PNS can regenerate when damaged, early attempts to repair the CNS 
involved PNS tissue transplants (Horner et al.  2002 ). In 1980, PNS tissue grafted 
into damaged regions of the brain and spinal cord promoted axonal re - growth of 
CNS axons (Richardson et al.  1980 ; Benfey and Aguayo  1982 ). Grafts composed 
of similar tissues, such as fetal spinal cord tissue (Reier et al.  1986 ), also showed 
benefi cial results. Further research made nerve grafts the main approach when 
repairing transections of the PNS. However, additional surgery is necessary to 
remove donor tissue, and after grafting, total nerve function is not restored. 
Therefore, a bioengineered solution that does not depend on donor tissue and 
will restore total nerve function is needed in both the CNS and PNS. 

 Recent approaches to nerve repair investigate chemical, biological, physical, 
and electrical stimuli to improve regenerative conditions. Chemical approaches 
use pharmacological agents that mimic the action of neurotransmitters and 
prevent cell death or interfere with inhibitors of axonal growth (Chierzi and 
Fawcett  2001 ; Rutkowski et al.  2004 ; McKerracher  2001 ). Biological strategies 
utilize cells that secrete recuperative substances or replace damaged cells alto-
gether (for example, stem cells) (Baizabal et al.  2003 ; Okano  2002 ; McDonald 
et al.  2004 ). Physical techniques employ bridges or conduits that link together a 
transected nerve (Vroemen et al.  2003 ; Miller et al.  2002 ), and/or patterned sur-
faces that guide cells in the proper direction (Recknor et al.  2005 ). Lastly, electri-
cal, magnetic or electromagnetic stimulation can be applied to injured nerves, 
which has been shown to stimulate axonal growth and improve recovery time 
(Pfeifer et al.  2004 ; Mohapel et al.  2004 ; Sisken  1992 ; Shapiro et al.  2005 ).   

  18.5   ELECTRICAL STIMULATION 

 The use of electrical stimulation as an investigative or therapeutic tool was not 
taken very seriously 100 or so years ago. Most electro - therapeutic treatments 
were considered quackery, providing no benefi cial outcome. Shown in Figure 
 18.3  is an apparatus designed to immerse a patient in an electric fi eld (EF) or 

  3.    Axons are fi brolytic projections that extend from neurons and form connections or synapses with 
target cells for communication. 
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 “ negative breeze ”  meant to cure a broad range of ailments, even baldness. A 
metal receptor above the patient ’ s head and a metal plate placed beneath the 
patient acted as the cathode and anode, respectively. The metal plate was con-
nected to a static - electricity generator (inside a wooden cabinet in Figure  18.3 ). A 
patient might be occasionally shocked due to faulty or incorrectly grounded 
wires, but no therapeutic benefi t came from such a device (Borgens  1989 ).   

 Such treatments were stopped by the next century, thanks to knowledge 
gained in human electrophysiology. However, the elimination of bogus treat-
ments did not bring demise to electrotherapeutic treatment. Instead, the fi eld 
advanced as evidence began to show correlations between electricity and 
anatomy. The role of electric fi elds (EFs) in tissues is still being investigated, but 
now the fi eld of bioelectricity or electrical therapy is held with higher scientifi c 
regard. 

  18.5.1   Physiological Endogenous Electric Fields 

 The well - known action potential, one of the most signifi cant discoveries in elec-
trophysiology, is a momentary reversal in the potential difference across a plasma 
membrane (as in a nerve cell or muscle fi ber) that occurs when a cell has been 
activated by a stimulus. The action potential is, in part, what makes neurons so 
unique from most other cells in the body. However, there is another electrical 
phenomenon discovered before the action potential, which is not usually men-

    Figure 18.3.     Nineteenth century  “ Electric Air Treatment ”   (Borgens  1989 ; McCaig et al.  2005 ). 

Used with permission from The American Physiological Society .  



ELECTRICAL STIMULATION 623

tioned in regular curriculum. That phenomenon is known as the injury potential 
and occurs when a nerve or other tissue is damaged. The injury potential is a 
voltage gradient established within the extracellular and intracellular space due 
to current fl owing out of a wound. 

 In intact epithelium, a uniform potential is maintained perpendicular to the 
plane of the epithelium. Due to asymmetrically distributed membrane - bound ion 
channels and pumps on epithelial cells, dissimilar concentrations of ionic species 
are separated by the epithelium. Na +  channels are more numerous at the apical 
side of the epithelium, while K +  channels and Na + /K +  - ATPase (pump) are local-
ized at the basolateral membrane of epithelial cells. This causes the concentration 
of K +  and Na +  at the basolateral side of the epithelium to be larger than the apical 
side, establishing a potential difference across the epithelium. Thus, a concentra-
tion gradient drives ions to the apical side where possible, such as between the 
cells. Gap junctions unite epithelial cells, creating a resistance to the fl ow of ionic 
species from the basolateral to the apical side of the epithelium (Nuccitelli  2003 ). 

 A break occurs across multiple cell layers, as occurs in injury, creates a low 
resistance pathway for ionic current to fl ow between the basolateral and apical 
sides of the epithelium. Therefore, a potential gradient (or EF) with a positive 
vector pointing toward the wound is created. The EF that arises due to a wound 
is found in the subepithelium or at the basolateral side of the epithelium and runs 
parallel to the plane of the epithelium. The EF or injury potential guides wound 
healing by making cells migrate in the direction of the wound. Furthermore, the 
rate of mitosis increases, the mitotic spindle aligns perpendicularly to the EF, and 
neurite outgrowth is directed in the direction of the EF vector (Nuccitelli  2003 ). 

 For most cell types that respond to EFs or the injury potential, there seems to 
be a minimum EF strength that will elicit a cellular response and an EF strength 
that maximizes the response. In the case of the human corneal endothelial cells, 
alignment of their mitotic spindles perpendicularly to the vector of a DC EF is most 
prominent at 200   mV/mm (Zhao et al.  1999 ). There are two recent, illustrated, 
thorough and well - written articles about the injury potential related to wound 
healing and the history of the injury potential (McCaig et al.  2005 ; Nuccitelli  2003 ).  

  18.5.2   Electrical Stimulation of the Nervous System 

 Electrical stimulus has been applied therapeutically to improve the regeneration 
of nerve cells in the PNS. The type of EFs used can be direct (DC), alternating 
current (AC), and electromagnetic. The sciatic nerve of rats is a common model 
used to study the regeneration of the PNS. The two types of trauma commonly 
studied are crush lesions and transections. After the animal is injured, the electri-
cal stimulation is applied and the results are evaluated.  

  18.5.3    DC  Electric Fields  In Vivo  

 The use of DC EFs to treat nervous system injury is effective at stimulating re -
 growth of axons as long as the cathode is present distally, otherwise no benefi ts 
are observed (Pomeranz et al.  1984 ). When an EF is created in air, electrons fl ows 
form the anode to the cathode. However, when an EF is applied through tissue 
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or culture media, ions carry the charge from the anode to the cathode. The 
movement of ions from anode to cathode is the reason that DC EFs are generally 
effective only when the cathode is placed past the injury in the direction of desired 
growth. Conversely, if the cathode is placed proximally to the injury, the EF vector 
will be against the direction of desired growth, which seems to hinder regenera-
tion (Winter et al.  1981 ). 

 DC EFs show similar types of improvements in the regeneration of nerves. 
For example, electrodes placed intraluminally in transected rat sciatic nerves 
were used to apply a weak - DC EF. After treatment, the regenerated - axonal dis-
tance in the rats sciatic nerve was 69% longer than that of untreated rats (Sisken 
 1992 ). However, the age of the treated rat has an effect on the improved rate of 
recovery due to DC EF treatment. The application of a DC EF in ten - month - old 
rats showed an increase in recovery rate (measured by a behavioral test) of 21% 
compared to controls (Pomeranz and Campbell  1993 ). However, younger rats 
(three - months - old) did not have signifi cant improvement in recovery. The unal-
tered recovery rate in younger rates is thought to be due to younger rats having a 
better healing ability than older rats: two -  to three - months - old rats heal 24% 
faster than nine to ten - months - old rats (Campbell and Pomeranz  1993 ).  

  18.5.4   Electromagnetic Stimulation  In Vivo  

 P. Jagadeesh and D. Wilson (Wilson and Jagadeesh  1976 ) were one of the fi rst 
teams to explore the effects of electromagnetic fi elds on nerve regeneration 
by stimulating the median - unlar nerves with a radio frequency signal (5 – 
120   mV/cm 2 ) (Wilson and Jagadeesh  1976 ). Transected median - ulnar nerves were 
stimulated for 15 minutes each day for up to 60 days. From observations seen 30 
days from the start of treatment, the animals treated with the pulsed electromag-
netic fi eld (PEMF) showed signifi cant restoration of nerve conduction activity 
and larger diameter nerve fi bers, compared to untreated rats (Wilson and Jaga-
deesh  1976 ). Similarly, rats with transected sciatic nerves were completely sub-
jected to PEMF. Treated rats regained motor function in four weeks instead of 
untreated rats, which regained motor function in eight weeks (Ito and Bassett 
 1983 ). Additionally, sinusoidal electromagnetic fi elds were applied to a crushed 
sciatic nerve model with similar results. However, regeneration was attributed to 
earlier stages in re - growth of the transected nerve (Sisken  1992 ).  

  18.5.5   Therapeutic Electrical Stimulation in the  CNS  

 Jagadeesh and Wilson extended their studies of electrical stimulation from the 
PNS to the CNS using cats. Cats were treated with PEMF stimulation after trans-
versely cutting half - way into the spinal cord (hemicordotomy). The PEMF treat-
ment consisted of 50   mW/cm 2  at 400 pulses/second applied 30 minutes each day 
for one month. After three months, the spinal cord was dissected, sectioned, and 
histologically analyzed. In treated cats, extent of scarring was reduced and neurons 
traversed the region of the hemicordotomy (Wilson and Jagadeesh  1976 ). There-



ELECTRICAL STIMULATION 625

fore, electrical stimulation has shown potential in achieving axonal growth across 
the glial scar, which is one of the greatest challenges in spinal cord repair. 

 More recent use of electrical stimulation to repair spinal cord injury (SCI) 
has also been researched in guinea pigs and dogs. The research of Borgens et al. 
in guinea pigs, fi rst demonstrated that axons could grow into the glial scar and in 
some cases around the glial scar (Borgens, Blight, and Murphy  1986 ; Borgens, 
Blight, Murphy et al.  1986 ). However, axons were not shown to grow through the 
glial scar. Despite this, functional recovery occurred in guinea pigs with SCI 
treated with a 200    μ V/mm voltage gradient was demonstrated (Borgens et al. 
 1987 ). Behavioral recovery was studied using the cutaneous trunci muscle refl ex, 
a useful refl ex when studying SCI recovery (Blight et al.  1990 ). This led to trials in 
dogs (Borgens et al.  1999 ) using implantable electrical stimulators. The trials in 
dogs used an oscillating electrical fi eld switching polarity every 15 minutes as 
opposed to the previous studies in guinea pigs where the fi eld did not oscillate. 
The use of an oscillating EF on dogs with SCI showed improvement in every cat-
egory of functional evaluation at six weeks and six months, with no reverse trend. 
The stimulators used in dogs were designed for future use in human clinical trials 
in humans. Recently, human phase 1 clinical trials of SCI with oscillating electric 
fi eld stimulation were shown to be safe and neurologically benefi cial to patients. 
No severe adverse effects were observed after one year of treatment in ten 
patients and there was an improvement in somatosensory tests (Shapiro et al. 
 2005 ). These trials are evidence that electrical stimulation may achieve signifi cant 
therapeutic use. However, these trials have failed to show benefi ts if implemented 
after the initial recovery period post SCI. Yet, other studies that use functional 
electrical stimulation in combination with locomotive training to treat chronic 
SCI have shown to help rehabilitate walking (Barbeau et al.  2002 ). In either case, 
electrical stimulation was shown to have a promising future in the regeneration of 
the spinal cord, and possibly in the entire nervous system.  

  18.5.6   Extracellular Electrical Stimulation  In Vitro  

 When undertaking extracellular stimulation, one encounters the complexity of 
merging into one, three fi elds of study: electrical engineering, electrochemistry, 
and cellular biology. There are many possible choices to make when designing a 
system to stimulate cells. The electrical stimulation apparatuses and the charac-
teristics of the stimuli that may be applied gives researchers a myriad of condi-
tions or stimuli to choose from. This can be frustrating when determining the 
appropriate variable combination that will produce a desired result. The proba-
bility of discerning those values can require many repetitions and thorough statis-
tical analysis. Since experiments are done on live cells/tissue, one must consider 
possible electrochemical reactions that occur when placing electrodes in cell 
culture media/tissue. Electrode and stimulation device material must be chosen 
wisely as not to affect the health of the cells or render the electrodes useless. Most 
cells are sensitive to minute changes in the media and thus any change in the 
media will usually negatively affect the cells. Finally, the assays used to determine 
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the effect of electrical/electromagnetic/magnetic stimulation have to be carefully 
thought of and incorporated into the design. For example, when analyzing 
changes in stem - cell differentiation, a set - up must be created that allows one to 
stimulate many cells at once yet have separable sets of cells that can be analyzed 
immunocytochemically. So, when designing such an apparatus, many stipulations 
must be considered. 

  18.5.6.1   Stimulation Methodology.     First, there are many ways to stimu-
late cells with a form of electricity. One characteristic that most devices have in 
common is the way in which stimulation is applied to the cells. Usually an EF is 
created around growing or proliferating cells. Ironically, this is essentially a scaled 
down version of the electric air bath that served no therapeutic purpose (Figure 
 18.3 ). This EF can be applied in two fashions, with electrodes submerged in the 
media and electrodes that surround the chamber where the cell are grown. There 
are numerous electrodes or ways to apply a direct stimulus to the media these 
include: micro - wires placed on or near the cells slated for stimulation (Salimi and 
Martin  2004 ), semiconductor - based multi - electrode arrays (Jimbo and Kawana 
 1992 ; Sisken et al.  1993 ; Kawana  1996 ; Borkholder  1998 ; Grumet et al.  2000 ; van 
Bergen et al.  2003 ; Bieberich and Anthony  2004 ; Nam et al.  2004 ), electrically -
 conducting polymers (Schmidt et al.  1997 ; Kotwal and Schmidt  2001 ), agar saline 
bridges (Zhao et al.  1996 ), and graphite rods (Berger et al.  1994 ). 

 Furthermore, cells can be grown on a surface that is electrically conductive 
and serves as one of the electrodes (working electrode). For this, most groups use 
a potentiostat: an instrument that holds a constant voltage across the growth 
media, by varying the current in response to changes in resistance. Two electrodes 
are placed in the media, one for the potentiostat to measure the voltage change 
(reference electrode) and the other to deliver the electrical stimulus (counter 
electrode) to the cells via the media. The counter electrode acting as the opposing 
terminal that completes the circuit with the electrically conductive surface or ref-
erence electrode (Kimura et al.  1998 ). Of course, the working electrode must 
allow the cells to grow without any abnormality. 

 Others have stimulated cells without direct electrodes to media contact, 
greatly reducing changes in pH, the possibility of contamination, and electrode 
by - products due to electrochemical reactions, the caveat being that more power 
is needed to supply a fi eld of similar strength compared to electrodes placed 
directly in the growth media where the cells are maintained. One of the simplest 
ways to achieve this is to use parallel metal plates (that is, stainless steal) to create 
a capacitive EF that surrounds petri dishes (Hartig et al.  2000 ). Similarly, electro-
magnetic stimulation through a large solenoid (Grassi et al.  2004 ) or with 
other arrangements (Walker et al.  1994 ; Longo et al.  1999 ; Lohmann et al.  2000 ; 
McFarlane et al.  2000 ; Tattersall et al.  2001 ), and magnetic fi elds (Blackman et al. 
 1993 ; Trabulsi et al.  1996 ; Arias - Carrion et al.  2004 ) have been used.  

  18.5.6.2   Signal Selection.     Second, the electrical signal that is chosen 
for stimulation has many variables. The stimulus can be direct current (DC —
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 constant voltage) (Bawin et al.  1986 ; Bikson et al.  2004 ), alternating current 
(Bawin et al.  1984 ; Bawin et al.  1986 ), biphasic, or monophasic (pulses with only 
either positive or negative components) (Zeck and Fromherz  2001 ; Fromherz 
 2003 ). Furthermore, the signal can be modifi ed in terms of frequency, amplitude, 
impulse duration, impulse delay, and waveform. Typical waveforms used are 
square or rectangular (Zeck and Fromherz  2001 ; Fromherz  2003 ; Mitchell et al. 
 1992 ), triangular and sinusoidal (Grumet  1994 ; Grumet et al.  2000 ). Most function 
generators now allow unique waveforms to be created so the signal possibilities 
are endless. The biggest constraints when applying electrical stimulation to live 
cells or tissue is that the current should not cause cell death.  

  18.5.6.3   Electrode Material.     When considering the material to be used as 
electrodes, one must consider cost, reusability, reversibility, and how the material 
may affect the cells. Some common electrode materials used in electrophysiology 
are Ag/AgCl, Pt, graphite and gold. These electrodes are used to establish an EF 
directly in the media, converting the fl ow of electrons into the fl ow of ions and 
vice versa, allowing current to be passed in a consistent manner. 

 Ag/AgCl electrodes are economical and reversible, yet they are exhaustible 
and brittle. They can also become imbalanced when using two half - cells to drive 
create an EF. In other words, differences in the concentration of AgCl can build 
up on the electrodes. This decreases or increases the amount of current that is 
being applied (depending on direction of applied current) from one electrode to 
the other. To equilibrate, electrodes can be connected and placed in the same 
saline solution (typically that used for experiments). To increase the lifetime of 
the electrodes, when using a DC current, electrodes should alternated as cathode 
and anode, so that the AgCl that is removed (anode) can then be regenerated 
(cathode) and vice versa. In other words, the amount of current and time that 
passes through the electrode as a cathode should be approximately the same 
when using that same electrode as an anode to limit electrode exhaustion and 
keep electrodes balanced. 

 Graphite electrodes are not easily exhaustible and do not accumulate ionic 
species. Graphite is a good electrode material because of high electrical conduc-
tivity; acceptable corrosion resistance; high purity; inertness with ionic species; 
low cost; and ease of fabrication into composite structures. However, graphite is 
brittle and will easily crumble when handled. 

 Platinum is inexhaustible and does not accumulate ionic species, but is expen-
sive. Pt does not produce material byproducts; however, H 2  and O 2  gas are pro-
duced by electrolysis of water. To minimize water electrolysis, it is best to maintain 
a low current, no larger than 1   mA (Katzberg  1974 ). If electrolysis of water occurs, 
the pH of the media will change, harming cells residing in the media.  

  18.5.6.4   Changes in Hydrogen Concentration.     With the complexity of 
choosing a signal, it is logical to attempt a constant DC signal that eliminates 
variables (for example, frequency, waveform, and so on) and allows any effect to 
be correlated with the strength and time of stimulation. The caveat is that the pH 
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of the media will be changed when using a constant current, so one must design a 
system that prevents cells from experiencing change in pH to use DC. Solving this 
problem can often be diffi cult. Most often media perfusion is a good solution, but 
this increases the risk of contamination. 

 One other solution is the use of agar or agarose salt bridges to prevent elec-
trochemical byproducts and changes in pH caused by the electrodes to enter the 
media. However, the saline in the salt bridges will diffuse out and media will 
diffuse into the salt bridge when stimulating cells for an extended period and 
temperatures close to the agar gelation temperature. The concentration differ-
ence between the media and agar - saline bridge drives the diffusion of salt into the 
media and of media into the salt bridge. Diffusion will be slower at room tem-
perature than at incubator temperature which is 37    ° C. At temperatures close to 
37    ° C agar is close or at its gelation temperature allowing diffusion in and out of 
the agar. Additionally, agar has been shown to cause changes in the genetic mate-
rial of cells when an electromagnetic fi eld is applied. This may not be related to 
DC stimulation but should be taken as a precaution (Cohen et al.  1988 ). There-
fore, using agar salt bridges is an appropriate solution for experiments on cold -
 blooded animal cells, but for mammalian cells, agarose gel bridges and media 
perfusion is better.   

  18.5.7   Cellular Response to Electric Field  In Vitro  

 The effect of any electrical stimulation is not predictable or the same for all cell 
types. There is no individual signal that results in the same cellular response in all 
cell types, although a strong electric signal that passes high enough current 
through the cell will cause cell death. A thorough review, written by Nuccitelli 
et al., where the effects of  in vitro  electrical stimulation on several cells types 
are listed (Nuccitelli  2003 ), shows that no single response to an identical stimulus 
is the same for all cell types. The cells mentioned in the list by Nuccitelli et al. 
were stimulated with DC EFs. Cells types that have been stimulated with other 
methodologies are: PC12 cells (Kimura et al.  1998 ; Schmidt et al.  1997 ), astroglial 
cells (Koyama et al.  1997 ), HeLa cancer cells (Manabe et al.  2004 ), and epithelial 
cells (Zhao et al.  1996 ), again, with no identical response to a particular 
stimulus. 

 The focus of this chapter is on electrical stimulation related to the nervous 
system; therefore, studies with PC12 and astroglial cells are considered here in 
greater detail. PC12 cells were stimulated with rectangular impulses of 200   mV 
and 400   mV, peak - to - peak, with frequencies of 50   Hz, 100   Hz, 500   Hz and 1   kHz 
for 96 hours. The result was that PC12 cells matured and extended neurites 
without the use of NGF. In other words, electrical stimulation caused the cells to 
differentiate into more mature neurons, which normally only occurs by incorpo-
rating NGF into the media (Kimura et al.  1998 ). 

 In the latter study, astroglial cells were shown to secrete NGF when an elec-
trical stimulation was applied. A 10   Hz, sine wave with a potential difference of 
+0.3   V was shown to maximize the amount of NGF secreted into the media. These 
two studies are related since they both show that electrical stimulation affects the 
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dependency on or the quantity of secreted NGF. These relationships help deter-
mine the mechanisms or pathways through which electrical stimulation alters cell 
behavior.   

  18.6   NEURONS IN ELECTRIC FIELDS 

 Despite the different cell types investigated using electrical stimulation, neurons 
are probably the most thoroughly researched in this context, with myocardial 
cells following the lead. The relationship between neurons and EFs has been 
investigated, mostly using neurons derived from cold - blooded animals, which 
eliminates the need for equipment such as temperature and CO 2  controlled 
incubators. 

 The work of McCaig et al. on spinal cord neurons from embryonic frogs 
( Xenopus laevis ) using an agar bridge setup (McCaig et al.  2005 ) is a great 
example. McCaig et al. investigated the effects of EFs on axon guidance or turning, 
axonal growth rate, growth cone receptors, secondary messengers and cytoskele-
tal proteins. 

  18.6.1   Axon Guidance 

 Galvanotropism occurs at different thresholds for different cells types (Nuccitelli 
 2003 ). The same can be said about the different types of neurons and the strength 
of the EF needed to initiate neurites turning. Thresholds as low as 7   mV/mm have 
been reported to initiate neurite growth cone turning (Nuccitelli  2003 ). If neurite 
turning were dependent only on EF strength, then determining an underlying 
mechanism would not be such a daunting task. 

 Surface adhesion molecules or extracellular matrix components effect the 
infl uence an EF has on cells (Rajnicek et al.  1998 ). Laminin is often applied after 
another surface adhesion protein such as poly L - lysine (PLL) or poly L - ornithine. 
Neurons examined by Rajnicek et al. turned cathodally in the presence of an 
EF on culture plastic (control). Neurite on laminin or on PLL with laminin 
remained cathodal, although not as prominent as on culture plastic. However, on 
PLL, neurite growth under an EF changed direction (compared to control) 
toward the anode (Rajnicek et al.  1998 ). PLL is strongly cationic demonstrating 
neurite galvanotropism (guidance due to an EF) to be dependent on surface 
charge, but surface charge alone was not suffi cient to cause a complete change in 
growth. 

 A misconception can be that neurites turn towards the cathode because most 
experiments were carried out using embryonic  Xenopus  neurons to demonstrate 
neurites are directed towards the cathode in an EF (McCaig et al.  1994 ) (Figure 
 18.4 ). Yet, cathodal turning has been shown mainly for motor neurons (Hinkle 
et al.  1981 ) and for cold blooded animals such as  Xenopus . However, the direction 
towards which neurites extend varies for other neuronal cell types. For example, 
processes from sensory neurons do not turn (Jaffe and Poo  1979 ), and neurites 
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from PC12 turn towards the anode (Cork et al.  1994 ). Therefore, neuronal cell 
type, EF strength and extracellular matrix proteins infl uence the behavior of 
neurons when grown in an EF. Furthermore, evidence shows that hippocampal 
neurons and astrocytes align perpendicularly to electric fi elds  in vitro  (Rajnicek 
el al.  1992 ; Alexander et al.  2006 ).   

 Thus, the infl uence an EF can have on neurites is dependent on EF strength, 
time of exposure, nerve cell type, the charge on the substratum (on which the cells 
are cultured), and for axonal turning, if the neuronal projection is axonal or den-
dritic (McCaig et al.  2005 ). These variables create a complicated puzzle when 
determining the cellular mechanics that produce responses to EFs.  

  18.6.2   Cellular Level Changes Due to  EF  s  

 It has been proposed that neural growth cone guidance or galvanotaxis in an EF 
is due to an accumulation or concentration of receptor and voltage gated chan-
nels in the membrane facing the direction of movement or turning (Figure  18.5 A). 
The receptors and channels involved are similar to those involved in chemotropic 
guidance. For example, in neurons, poly - saccharide - binging plant lectins recep-
tors, such as, concanavalin A receptor (Patel and Poo  1982 ) and acetylcholine 
receptors (AChRs) (Poo  1981 ; Stollberg and Fraser  1988 ) are asymmetrically dis-
tributed due to an EF. Similarly, in corneal epithelial cells and fi broblasts, epider-
mal growth factor rector (EGFR) becomes unequally distributed (McCaig et al. 
 2005 ). These receptors were shown to accumulate, in an EF, on areas of the cell 
membrane facing the cathode.   

    Figure 18.4.     Cathodal turning of axons from embryonic  Xenopus  spinal cord neurons,  modi-

fi ed from (McCaig et al.  2005 ). Used with permission of The American Physiological Society .  
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 Since more than one type of AChR exists, the dependency of neurite guid-
ance on nicotinic and muscarinic AChR in an EF was tested. When nicotinic 
AChRs were blocked with D - tubocurare cathodal turning did not occur, but 
when muscarinic AChRs were blocked with the antagonist atropine and/or 
suramin, cathodal turning was enhanced (Erskine and McCaig  1995 ). Atropine 
and suramin are also P2 - purinoceptor and bFGF receptor antagonists. Therefore, 
the interaction of P2 - purinoceptors and bFGF receptors with an EF cannot be 
ruled out. 

 The release of ACh can be enhanced using neurotrophins NT - 3 and brain 
derived neurotorphic factor (BDNF) as demonstrated in embryonic  Xenopus  
neuromuscular synapses. The addition of either NT - 3 or BDNF to media of 
cells grown in an EF enhanced growth cone attraction three - fold at 150   mV/mm, 
and also reduced the threshold required for cathodal guidance. This effect was 
shown to be dependent on trkB and trkC receptors by blocking NT - 3 - trk receptor 
interaction using antagonist K252a. Not all growth factors tested enhanced 
growth cone turning, for example, nerve growth factor (NGF) and ciliary 
neuronotrophic factor (CNTF) had no affect on growth cone guidance (McCaig 
et al.  2000 ). 

 These results implicate three receptors in the regulation of EF induced 
growth cone turning or nuerite guidance: P2 - purinoceptor, bFGF receptor and 
AChR. Therefore, there does not seem to be a single receptor responsible for 
galvanotaxis or growth cone guidance by an EF. Instead, combinations of signals 
dictate whether cells are guided by an EF.  

  18.6.3   Receptor Accumulation and Autoregulation 

 The accumulation of membrane receptors in an EF is not precisely understood. 
However, electrophoresis and electroosmosis have been experimentally and the-
oretically shown to be driving forces in the migration of membrane bound pro-
teins due to an EF. Briefl y, most membrane receptors are proteins with an overall 
negative charge, which electrophoretic force dictates should accumulate towards 
the anode (+) facing side of the membrane (Jaffe  1977 ). Yet, water molecules are 
polar and surround negatively - charged proteins. The surrounding positively 
charged water molecules cause the proteins to migrate toward the cathode ( − ). 
This is known as electroosmosis. Thus, electroosmosis counteracts the electropho-
retic effect when proteins are negatively charged, which is usually the case. More 
on this theory can be explored in an interesting article on macromolecular move-
ment on the membranes of cells by McLaughlin and Poo (McLaughlin and 
Poo  1981 ). 

 When receptors bind their ligands, a conformational change usually occurs, 
which can change how the receptor migrates in an EF (possibly due to changes in 
the proteins overall charge). Therefore, cells sometimes do not respond to an 
applied EF if ligands are bound to their receptors. This was demonstrated using 
concanavalin A (Con A), which recognizes a commonly occurring sugar structure, 
( α  - linked mannose, found in many membrane bound glycoproteins. The use of 
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Con A prevented 88% of neurites from responding to a small EF; where without 
Con A, 75% of neurites turned towards the cathode (McCaig  1989 ). 

 Receptor migration and accumulation can affect the behavior of a cell 
partly because of autoregulation. A good example of this is the AChR (yellow 
in Figure  18.5 ). As mentioned previously, AChRs accumulate at the cathode - 
facing side of the growth cone. Also at the growth cone, acetylcholine (ACh; 
green in Figure  18.5 ) is spontaneously released, regulating cone growth by 
activating nearby AChR. Since AChRs accumulate on the cathode facing side of 
the growth cone in an EF, AChR signaling cascades initiate inside the growth 

    Figure 18.5.     Growth cone changes due to an EF  (McCaig et al.  2005 ). Used with permission 

from The American Physiological Society . (See color insert.)  
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cone closer to the cathode promoting preferential growth toward the cathode 
(Figure  18.5 A).  

  18.6.4   Calcium 

 Calcium seems to play a very important role in the mechanism of growth cone 
turning; substantial research by McCaig et al. has led to such a hypothesis:  “ Cath-
odal turning requires infl ux of Ca 2+  via voltage - gated Ca 2+  channels (VGCC) and 
Ca 2+  release from ryanodine and thapsigargin - sensitive intracellular stores. Acti-
vation of AChRs (yellow) by spontaneous release of Ach (green) induces cyto-
plasmic Ca 2+  elevation further, since the receptors are  ‘ leaky ’  ”  to Ca 2+ . Activation 
of the trkC and trkB receptors is also required for cathodal turning. Addition of 
NT - 3, the ligand for the trkC receptor (blue) or brain - derived neurotrophic factor 
(BDNF), the ligand for the trkB receptor (magenta) to the culture medium 
enhances the cathodal response. This implicates the AChR further because NT - 3 
and BDNF stimulate release of ACh from the growth cone, therefore enhancing 
the asymmetric signaling via AChRs at the cathodal side of the growth cone. trkB 
receptors and AChRs activate the phospholipase C (PLC), phosphatidylinositol 
3 - kinase (PI - 3K) pathway, elevating intracellular Ca 2+  even further. Ca 2+  eleva-
tion stimulates cAMP production via adenylate cyclase. cAMP activates the 
protein kinase C - dependent kinase (PKA), which affects signaling by the rho 
family of small GTPases (rac1, rhoA, and cdc42). 

 Activation of rac1 and cdc42 by PKA stimulate lamellipodial and fi lopodial 
formation, respectively. This is hypothesized to underlie the EF - stimulated orien-
tation of fi lopodia and lamellipodia on the cathode - facing sides of growth cones, 
which are essential for cathodal orientation. Inhibition of rhoA by PKA activa-
tion cathodally prevents cathodal growth cone collapse, but relatively low levels 
of PKA signaling anodally permit rhomediated growth cone collapse, further 
enhancing growth cone asymmetry. This leads to asymmetric tension within the 
growth cone and turning toward the cathode. (McCaig et al.  2005 ) (Figure  18.5 B) 
Support for this theory can be visualized using fl uorescent Ca 2+  labeling within 
growth cones (Figure  18.5 C and D). When exposed to an EF of 120   mV/mm, the 
Ca 2+  present in the growth cone increases (Figure  18.5 D), compared to the little 
Ca 2+  prior to EF exposure (Figure  18.5 C).   

  18.7   NEURAL PROGENITOR CELLS AND ELECTRIC FIELDS 

 NPCs share some characteristics with neurons; some of the same receptors and 
ion channels may be affected by an EF. One example is the TrkB signaling cascade, 
which is known for promoting differentiation of neural progenitor cells (Sieber -
 Blum  1991 ). Changes in these or other membrane bound proteins may infl uence 
the TrkB cascade or other signaling cascades, causing changes in differentiation, 
such as the preferential adoption or increase in a specifi c cell fate over another 
when NPCs are exposed to an EF. Another example is bFGF, which is known to 
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control the proliferation of NPCs, and as mentioned above, seems to be involved 
in growth - cone guidance. Furthermore, migration of corneal epithelial cells in an 
EF was not possible at low EF strength unless growth factors such as EGF, bFGF 
and TGF -  β 1 were used (Zhao et al.  1996 ). Finally, calcium channels also seem to 
be involved in the differentiation of NPCs into neurons. When L - type Ca 2+  chan-
nels are blocked the rate of differentiation into neurons (TUJ1 + /MAP2ab + ) 
decreases (D ’ Ascenzo et al.  2006 ). Speculation provides possible routes for EF to 
infl uence NPC differentiation. Once these routes are investigated, a mechanism 
for the differentiation of NPCs in an EF will be even more rigorous to establish 
than that of mature neurons, because differentiation is also complex and not well 
understood.  

  18.8   CONCLUSIONS 

 If the differentiation of NPCs were completely controllable and the use of electri-
cal stimulation to treat CNS damage continues to improve, then cell - based and 
electrical - stimulatory therapies should be developed in the near future. The use 
of electrical stimulation as a therapeutic tool is already showing promising results 
in clinical trials by improving recovery in SCI patients (Shapiro et al.  2005 ). NPC -
 based therapies are also being investigated, but more progress is needed before 
clinical trials can be undertaken. Once NPC proliferation, growth and differentia-
tion are completely understood, cell - based clinical trials can begin. The use of 
NPCs as a cell - based therapy has enormous potential to treat cases where neural 
cell damage occurs. Despite the complexity in understanding how electrical stim-
ulation affects the CNS cells, understanding how NPCs may be used in combina-
tion with electrical stimulation is worthwhile. Combing these two fi elds of research 
could produce techniques that treat injury or disease in the CNS.  
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  19.1   OVERVIEW 

 The current generation of blood substitutes are actually poor RBC substitutes, 
which primarily carry out only the oxygen - carrying function of hemoglobin. 
Ideally such agents should replicate the functions of platelets, plasma coagulation 
factors, and their various activation processes, a true volume expansion, carrying 
and activating immune cells (WBC), and so forth, as well as oxygen carrying 
functions. 

 Properly screened placental umbilical cord blood, freshly collected after the 
birth of a healthy baby, is an ideal and true blood substitute with enormous clini-
cal potential. This blood has a rich mix of fetal and adult hemoglobin, in addition 
to a high platelet count and coagulation factors, and contains WBCs and plasma 
fi lled with cytokine and growth factors. The constituents of this precious blood are 
developmentally hypo - antigenic and also maintain an altered metabolic profi le. 
All these factors make it a real and safe alternative to adult blood, especially in 
emergencies caused by any etiology of blood loss. It may also have the potential 
to prevent ischemia and eventual hypoxic - triggered organ failure syndromes.  

  19.2   THE PROBLEM OF SAFE BLOOD TRANSFUSION AND 
THE GLOBAL SCENARIO 

 The need to develop a blood substitute is now urgent, not only because of increas-
ing concern over the worldwide HIV/AIDS epidemic, but also because of sudden 
terrorist attacks and other disaster scenarios, which appear to have become 
endemic and which compel a requirement for safe blood or blood substitutes to 
save lives. The storage of frozen blood to combat such emergencies is often a 
complex, cumbersome and costly task. 

 It is a well - known fact that a large number of war casualties die as a result of 
hemorrhagic shock. Bellamy projected in 1984 that the percentage of wounded 
soldiers who die in battlefi elds would increase from 20% to 26% unless the 
soldiers are evacuated within two hours, and 32% if not evacuated within 
24 hours  (1) . The majority of soldiers and civilians killed in action, crossfi re, or 
bombings die due to blood loss from compressible wounds. These deaths could 
be prevented if there was a timely transfusion of blood or a blood substitute. The 
real problem, however, is the availability of safe, screened blood for immediate 
use emergencies. 

 The imperative of having a steady supply of blood for transfusion is also 
highlighted in a report of the World Health Organization (WHO) in 2000. This 
revealed that there are about 500,000 pregnancy - related deaths globally, and at 
least 25% of the maternal deaths are due to a loss of blood  (2) . 

 So far as the safety of blood meant for transfusion is concerned, Sloand et al. 
reported in 1995 that an estimated 13 million units of blood worldwide are 
not tested against human immunodefi ciency viruses (HIV) or hepatitis viruses. 
Moreover, in some developing countries, 80% of the blood supply comes from 
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paid donors or replacement donors (family, friends or acquaintances), even when 
the percentage of infection in the population is high  (3) .  

  19.3   THE SEARCH FOR A TRUE BLOOD SUBSTITUTE 
AND ITS PROBLEMS 

 Blood is made of a fl uid called plasma in which are suspended many tiny living 
cells. These are mostly red blood cells (RBCs), with some white blood cells 
(WBCs), which are also called leukocytes, and smaller cells called platelets. The 
cellular components make up 45% of the blood volume. Through a complex 
process, which incorporates the oxygen - carrying pigment, the hemoglobin, inside 
the RBC (instead of carrying oxygen in the plasma itself), the evolutionary 
process increased by about 100 times the oxygen carrying capacity of blood and 
its metabolic process in higher vertebrates. If hemoglobin is extra - cellular and 
intra - vascular, it exerts more osmotic pressure than plasma protein. As a result, 
water will be drawn from the tissue space and will load the intra - vascular com-
partment. By the inclusion of the hemoglobin component inside the cell (RBC), 
the viscosity of the blood remains low, water is not drawn from the tissue space 
and the fl ow of blood with its large protein content is made possible. 

 In addition, RBC membranes contain enzymes that protect the hemoglobin 
from degradation and allow it to work for three months at a stretch. If there is a 
lack of enzymes in the membrane, free hemoglobin leaves it at risk of oxidative 
damage by the haem molecule. 

 Furthermore, membrane - free hemoglobin is always subject to oxidative 
denaturation and it also acts as a trigger for hypertensive episodes. Through evo-
lution, the oxygen - free carrying pigment in invertebrates became intracellular for 
better tissue perfusion in response to growth and metabolic demands, in lower 
vertebrates to higher vertebrates. 

 It is the pigment, hemoglobin, which gives red blood cells its color. Hemoglo-
bin is a complex protein containing iron, which is found in no other cell. It has an 
affi nity for oxygen, which varies with the pH (acidity) of the tissues. The red blood 
cells carry oxygen from air in the lungs to all the cells of the body. The waste 
product (carbon dioxide) is carried by cells from various tissues to the lungs, 
where it is once more exchanged for oxygen. The usual range of hemoglobin in a 
normal adult is between 12 and 15   gms/dl. 

 The search for an oxygen - carrying substitute for blood began in 1940, during 
the great wars as reported by Amberson  (4) . It was during World War II that the 
military realized the diffi culties in transporting whole blood and began a search 
to fi nd an alternative. However, technology at that time did not support the devel-
opment or large - scale production of highly purifi ed products. 

 It was during the 1980s that the need for oxygen - based blood substitutes 
became even more critical with the growing incidence of HIV/AIDS. The risk 
of infection from HIV and hepatitis B and C viruses caused international 
concern. 
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 The resultant search for a true blood substitute has led to the selection and 
isolation of a group of hemoglobin - based oxygen carriers from human as well as 
bovine sources of hemoglobin, which can provide the respiratory functions of 
hemoglobin alone. It should be noted that none of these have passed through the 
Phase III clinical trials of the United States. Other problems related to these car-
riers are prohibitory costs and an unacceptable level of complications. 

 However, experimentation has continued in this area, using human RBC 
to bovine RBC, particularly its chemically or genetically modifi ed forms. A report 
in  Nature  in 2003 also noted that there has been extraction from sea creatures 
( Arenicola Marina ), that is, the sea worm, for potential human use  (5) . But animal 
hemoglobin, it should be mentioned, can trigger allergic reactions and even 
damage the kidneys. 

 Any blood substitute must be safe and effi cacious before it can be used clini-
cally. However, safety and effi cacy may have many interpretations. Thus, the ideal 
blood substitute continues to be elusive, particularly because its function must 
include the properties of an oxygen - carrying volume expander which is free of 
any risk of infection or adverse effects; there must also be a lack of antigenicity so 
that it can be administered unmatched without any fear of immune reactions. The 
substitute must also have a stable shelf life and an intravascular half - life of several 
weeks to months. It must be easy to produce in mass quantities, and its cost should 
not be prohibitive for wide - scale use. If the advances in the fi eld are briefl y exam-
ined, it can be seen that hemoglobin - based blood substitutes include human 
blood, bovine blood, and recombinant technology. Human blood comes from out-
dated red blood cells, and the main disadvantage of this source may be its lack of 
availability. Bovine blood is widely available in slaughterhouses, but initial studies 
suggest some antigenicity. Bovine hemoglobin has a P - 50 that is closer to human 
hemoglobin when in red blood cells than human stroma - free hemoglobin. 

 Recombinant hemoglobin has an advantage over bovine and human hemo-
globin in that the genetic code can be modifi ed to produce hemoglobin with the 
most desirable properties and the fewest adverse effects, as reported by Cohn 
 (6, 7) , Creteur et al. in  (8) , Frietsch et al.  (9) , Goodnough et al.  (10) , and Gould 
et al.  (11) . 

 Stroma - free hemoglobin has been investigated as an oxygen carrier since the 
1940s, when researchers realized that native hemoglobin is not antigenic. These 
stroma - free hemoglobin solutions have many advantages over red blood cells, 
including a shelf life of approximately two years at room temperature for some 
products and the ability to withstand sterilization. Solutions of acellular hemoglo-
bin are not as effective at oxygenation as packed red blood cells because of their 
high affi nity for oxygen. Therefore, modifi cations are made to the hemoglobin 
to decrease oxygen affi nity and to attenuate the adverse effects of stroma - free 
hemoglobin. Unfortunately, the initial attempts of transfusing stroma - free hemo-
globin produced renal dysfunction, coagulopathy, and hypertension [Rochan 
et al.  (12) , Messmer et al.  (13) , Luterman et al.  (14) ]. 

 There have been several attempts to produce an effective blood substitute. 
Hungerer et al. reported that Diaspirin – cross - linked hemoglobin (DCLHb)  (15)  
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or Hemassist, from Baxter Healthcare, is a DCLHb tetramer made from outdated 
human blood. This product underwent Phase III clinical trials for coronary artery 
bypass grafting procedures and was determined to decrease the need for trans-
fused packed red blood cells. The adverse effects include hypertension and gas-
trointestinal distress. 

 The fi rst recombinant hemoglobin product, rHb 1.1 or Optro, is a genetically -
 engineered variant of human hemoglobin and the product could be genetically 
altered to produce more favorable characteristics [Sakai  (16) ]. Its current intra-
vascular half - life is two to nineteen hours and is dose - dependent. It has similar 
adverse effects when compared to DCLHb, including vasoconstriction, gastroin-
testinal distress, fevers, chills, and backache. 

 There are other promising products like Poly - SFH, or PolyHeme, which is 
made from pyridoxylated, polymerized, outdated human blood or Polyethylene 
glycol (PEG) hemoglobin. This product is currently being evaluated for use in 
cancer therapy to increase tumor oxygenation and enhance the effi cacy of radia-
tion and chemotherapy. 

 There is another interesting product with potentialities known as Hemolink, 
which is human hemoglobin polymerized with a ring - opened raffi nose structure 
creating intratetrameric and intertetrameric cross - linking. Hemolink, too, is 
derived from outdated human red cells, which makes future availability a concern. 
This product can be stored at 4    ° C for at least one year. 

 Apart from these, HbOC - 201, or Hemopure, is a promising product. This is a 
polymerized form of bovine hemoglobin. Bovine hemoglobin has a P - 50 of 
30   mm   Hg, which is closer to human hemoglobin than stroma - free hemoglobin. 
The advantages of this product include its availability and its ability to be stored 
at room temperature. Its intravascular half - life is 8 to 23 hours and is dose - 
dependent. Hemopure has a shelf life of 36 months at room temperature. It has 
been used in patients undergoing elective abdominal aortic surgery; this product 
also increased mean arterial pressure and systemic vascular resistance. 

 However, as mentioned, none of these products passed the FDA Phase III 
trial, and as such they are unavailable for unrestricted global use [Henkel - Honke 
and Oleck  (17) ]. 

 From 1970 onwards, perfl uorocarbons (PFCs), too, have been investigated as 
blood substitutes [Jin  (18) ]. Replacing the hydrogen atoms of hydro carbons with 
fl uorine atoms creates these products. PFCs have a high affi nity for oxygen, 
approximately ten to twenty times higher than plasma or water. The oxygen 
content of PFCs is directly proportional to oxygen partial pressure; therefore, 
patients require supplemental oxygen. The fi rst product to be marketed was a 
mixture of perfl uorodecalin and perfl uorotripropylamine emulsifi ed with Pluronic 
F - 68 called Fluosol - DA. Ultimately, this product was ineffective at signifi cantly 
improving oxygen delivery in case of acute hemorrhage. Other shortfalls of 
Fluosol - DA included a short effective intravascular half - life, temperature insta-
bility, low oxygen - carrying capacity, and a poor shelf life. Its major adverse effects 
included acute complement activation, uptake by the reticuloendothelial system, 
and disruption of normal pulmonary surfactant. 
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 Liposome - encapsulated hemoglobin (LEH) has also been found to be 
an effective oxygen carrier, without the adverse effects of vasoconstriction 
[Kawaguchi et al.  (19) ]. Liposome encapsulation appears to increase plasma 
retention time; however, adverse immune interactions occur with liposome. This 
product has an advantage because it can be freeze - dried and stored at room tem-
perature. 

 In actuality, the most commonly - used volume replacement solution is the 
Ringer - Lactate solution. If modifi ed hemoglobin or fl uorochemicals are added to 
Ringers solution so that it can act as an oxygen carrier, and to also increase the 
colloid osmotic pressure, even then the functions of clotting and antioxidants will 
not be performed. 

 It has been observed by many sources that treatment with so - called blood 
substitutes is not too effective in combating a potential injury in life - threatening 
conditions, which have latent possibilities for ischemia - reperfusion injuries, for 
instance, sustained ischemia in stroke, severe hemorrhagic shock with intestinal 
ischemia, prolonged cerebral ischemia, and so on. 

 Since these substitutes do not contain any red blood cell antioxidant enzymes 
such as catalase and superoxide dismutase, the hemoglobin in the blood substi-
tutes can break down more easily to release heme and iron in the presence of 
oxidants in ischemia - reperfusion and thus intensify injuries. 

 Therefore, newer generation blood substitutes are being tried which may 
contain antioxidants as in the case of polyhemogloin - catalase - superoxide dis-
mutase. In fact, artifi cial oxygen carriers are not real blood substitutes. They serve 
to carry oxygen to tissues and are either hemoglobin - based or perfl uorocarbon -
 based. No artifi cial oxygen carriers are currently approved for clinical use in the 
United States.  

  19.4   WASTAGE OF THE PLACENTA AND ITS CONTENT 

 In the animal kingdom, swallowing the afterbirth by the mother is a general norm. 
Even herbivorous animals, such as the cow, swallow the placenta after the birth 
of their babies. Humans, so far, had not seemed to realize the potential of the 
afterbirth. 

 However, recent research suggests that the placenta may prove to be a non -
 controversial source of hematopoietic and mesenchymal stem cells as well as 
endothelial progenitor cells. There is now widespread successful utilization of 
cord blood collected from the placenta after the birth of healthy babies as a stem 
cell source in the treatment of pediatric hematological malignancies after mye-
loablative conditioning. Since matching requirements for this type of transplant 
are not as strict as for hematopoietic stem cell sources, cord blood began gaining 
acceptance in adult patients lacking bone marrow donors [Cornetta et al.  (20) ]. 
Apart from oncology, the effi cacy of the clinical use of cord blood has been noted 
in Hurler ’ s syndrome, diffi cult spinal injuries, Burger ’ s disease, refractory anemia 
and many more intractable and congenital diseases, apart from stroke [Newcomb 
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et al.  (21) ], myocardial ischaemia [Leor et al.  (22) ], and also in inducing angiogen-
esis, only to name a few common clinical conditions. 

 The most important advantage is the less - strict HLA matching requirement. 
This is because cord blood is a much more developmentally immature source of 
stem cells as opposed to stem cells derived from adult sources. It has the addi-
tional advantage of easy availability. A source of hematopoietic cells, cord blood 
contains potent angiogenesis - stimulating cells. Several phenotypes have been 
ascribed to cord blood angiogenic - stimulating cells. In one report, the CD34 + , 
CD11b +  fraction, which is approximately less than half of the CD34 +  fraction of 
cord blood, was demonstrated to possess the ability to differentiate into func-
tional endothelial cells  in vitro  and  in vivo  [Hildbrand et al.  (23) ]. Mesenchymal 
stem cells are another important constituent of cord blood. These are classically 
defi ned as adhering to plastic and expressing a non - hematopoietic cell surface 
phenotype, consisting of CD34  −  , CD45  −  , HLA - DR  −  , while possessing markers 
such as STRO - 1, VCAM, CD13, CD29, CD44, CD90, CD105, SH - 3, and STRO - 1 
[De Ugarte et al.  (24) ]. To date, mesenchymal stem cells have been purifi ed from 
the placenta, scalp tissue, bone marrow, adipose tissue and cord blood [Kadivar 
et al.  (25) ]. The transdifferential properties of mesenchymal stem cells into hepa-
tocytes, cardiomyocyte, and neuronal cell line, to name a few, have now been sci-
entifi cally proven. Cord blood mesenchymal stem cells are capable of expansion 
to approximately 20 times, whereas adipose derived cells expand to an average of 
eight times, and bone marrow derived cells expand fi ve times, [Kern et al.  (26) ]. 
Cells with markers and activities resembling embryonic stem cells have also been 
found in cord blood. Zhao et al.  (27)  identifi ed a population of CD34  −   cells 
expressing OCT - 4, Nanog, SSEA - 3 and SSEA - 4, which could differentiate into 
cells of the mesoderm, ectoderm and endoderm lineage. 

 A  “ cocktail ”  of these three elements may perhaps be used in the future to 
treat one of the more than 80 diseases that have responded to stem cell transplan-
tation. Thus, it may have the potential to treat degenerative diseases such as heart 
disease, endocrine disorders such as diabetes, and neurodegenerative diseases 
such as stroke, Alzheimer ’ s disease, Parkinson ’ s disease and spinal cord injuries, 
and so on. However, stem cells constitute only .01% of the nucleated cells (hema-
topoietic stem cells, which is similar to that found in bone marrow: approximately 
0.1 – 0.8 CD34 +  cells per 100 nucleated cells) of placental blood. The rest, that is, 
99.99% of the placental blood, is discarded as trash. The global wastage of placen-
tal blood with all its potentials amounts to approximately ten billion milliliters 
per annum (at the current birth rate of 100 million per year). It should also be 
remembered that the so - called placental barrier, which is one of nature ’ s fi nest 
biological sieves, screens this blood.  

  19.5   RATIONALITY FOR THE USE OF CORD BLOOD AS A TRUE 
BLOOD SUBSTITUTE 

 Cord blood is the blood collected aseptically from the placenta after the birth of 
a healthy baby. The blood volume of a term fetus is approximately 80 – 85   ml/kg. 
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The placental vessel at term contains approximately 150   ml of blood. Cord blood 
contains three types of hemoglobin, HbF, HbA, HbA2, of which HbF constitutes 
the major fraction (50 – 85 percent). HbA accounts for 15% to 40% of hemoglo-
bin, and HbA2 is present only in trace amounts at birth. HbF has a greater oxygen 
affi nity than HbA. The oxygen tension at which the hemoglobin of the cord blood 
is 50% saturated is 19 to 20 millimeters of Hg, six to eight millimeters Hg lower 
than that of normal adult blood. This shift to the left of the hemoglobin oxygen 
dissolution curve results from poor binding of the two to three diphosphoglycer-
ate of the HbF. 

 Cord blood is the richest source of fetal hemoglobin. Fetal hemoglobin 
is a natural stress response to hemoglobin synthesis. An attempt is made to 
preserve and augment this in case of thalassemia by providing hydoxyurea or 
other similar drug support. Other conditions such as pregnancy, diabetes, thyroid 
disease, or anti - epileptic drug therapy, can also increase the fetal hemoglobin 
concentration. Fetal hemoglobin has an abundant source, that is, the placenta. 
In India alone, there are more than 20 million placentas produced as afterbirth 
every year. 

 Cord blood has some other advantages. It is common knowledge that blood 
viscosity is a major determinant of blood fl ow. Whole blood is a non - Newtonian 
fl uid, that is, its viscosity increases with decreasing shear rate (fl ow rate). Blood 
viscosity is determined by hematocrit, plasma viscosity, red cell aggregation 
and red cell deformability. The overall viscosity of the cord blood is less than that 
of adult blood and has the potential to improve tissue perfusion and oxygen 
transfer.  

  19.6   CORD BLOOD STABILITY IN ROOM TEMPERATURE AND TIME 

 Moreover, the stability of cord blood at room temperature has also been proven. 
Osmotic fragility studies of the cord blood were conducted with .45% NaCl 
(N   =   40) at 4    ° C, 35    ° C and 40    ° C, with a time gap of 24 hours, 48 hours, 7 days and 
14 days, along with oxyhemoglobin (mmole/ml) and plasma hemoglobin (mg/ml) 
assessment in identical schedule. The studies proved that the cord blood was rea-
sonably stable at room temperature, as shown in Table  19.1 .   

 This blood has been successfully transfused, after meeting the ethical and 
scientifi c formalities for safe transfusion, by a medical research team in Calcutta, 
India, as an alternative emergency source of blood transfusion in the background 
of anemia and emaciation of any etiology from surgery to medicine, that is, from 
HIV or thalassemia to leprosy, or from advanced cancer to patients with a crip-
pling polyarthritis condition, and so on. 

 Before transfusion, aseptically collected umbilical cord blood was routinely 
screened for HIV 1 and 2, Hepatitis B and C, Malaria, Syphilis, blood grouping, 
and so on. Red cell serology and other biosafety precautions and quality assur-
ances were strictly adhered to. The potential complications of the blood transfu-
sion therapy can be grossly divided under two categories, that is, immunological 
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 TABLE 19.1.     Early Study Results on the Stability of Cord Blood at Temperature and Time 

       Time  

   Temp     24   hr     48   hr     7 days     14 days  

  4    ° C    12.5   +   3.5    32.7   +   4.2    45.5   +   2.8    82.7   +   4.5  
  35    ° C    16.5   +   2.8    20.4   +   4.4    53.6   +   3.8    100  
   40    ° C     45.4   +   6.7     77.9   +   3.6     92.3   +   4.9     100  

       Time  

   Temp     24   hr     48   hr     7 days     14 days  

  4    ° C    0.33   +   .18    0.32   +   .18    0.27   +   .08    0.28   +   .17  
  35    ° C    0.32   +   .06    0.29   +   .08    0.24   +   .04     —   
   40    ° C     0.16   +   .02     0.09   +   .01      —       —   

       Time  

   Temp     24   hr     48   hr     7 days     14 days  

  4    ° C    6.06   +   .86    6.33   +   .73    7.09   +   .79    9.64   +   1.9  
  35    ° C    4.59   +   .57    7.63   +   .84    10.3   +   2.6     —   
   40    ° C     10.5   +   1.3     13.7   +   2.5      —       —   

     Mean Plasma hemoglobin (mg/ml) with Standard Deviation (N   =   36)   

 Mean Fragility (% hemolysis in 0.45% NaCl) with Standard deviation (N   =   40) 

 Mean Oxyhemoglobin (mmole/ml) with Standard deviation (N   =   34) 

and non - immunological reactions. The fi ndings of the research showed that there 
was not a single case of immunological or non - immunological reaction noted 
from 1999 [Bhattacharya et al.  (28) ], when this blood was fi rst transfused, to 2006, 
when this phase of the study ended. This indicated the safety potential of cord 
blood. 

 Following the publication of the fi rst report of this study in 2001, there was a 
subsequent report on the safe use of cord blood to combat pediatric anemia in 
Africa [Hassall et al.  (29) ]. However, it must be pointed out that the use of cord 
blood was actually reported much earlier [Halbrecht  (30) ], in fact, before the 
invention of the RH system and the introduction of modern screening proce-
dures. There were no blood bank services at that time and practically no screening 
for infection and its transmission. Moreover, the study occurred before the inven-
tion of acid citrate dextrose (ACD) solution in 1943, which reduces the volume 
of anticoagulant, permits transfusion of greater volumes of blood, and allows 
longer - term storage. But in spite of these drawbacks, the study reported that cord 
blood could be safely used as a substitute for peripheral blood for performing 
transfusions.  
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  19.7   CONTEMPORARY CLINICAL EXPERIENCE AND SAFETY 
STUDIES OF CORD BLOOD TRANSFUSION 

 Millions of people are saved every year as a result of blood transfusions. At the 
same time, particularly in developing countries, many still die because of an inad-
equate supply of safe blood and blood products. A reliable supply of safe blood is 
essential to improve health standards at several levels, especially for women and 
children, and particularly in the poorer sections of society anywhere in the world. 
Half - a - million women still die of complications related to pregnancy and child-
birth, and 99% of these are in developing countries. Hemorrhage accounts for 
25% of the complications and is the most common cause of maternal death. In 
children, other than complicated diseases, malnutrition, thalassaemia and severe 
anemia are prevalent diseases that require blood transfusion. Over 80 million 
units of blood are collected every year, but the tragedy is that only 39% of this is 
collected in the developing world which contains 82% of the global population. 

 The authors ’  clinical research over the past ten years has shown that cord 
blood can be used safely as a blood substitute. Moreover, this blood has higher 
hemoglobin content and growth factors, which have the potential to benefi t 
patients in varying diseases. 

 A brief survey of the work done by the present research group will illustrate 
this point. In one instance, seventy - eight units of placental umbilical cord whole 
blood (from 1 April 1999 to 30 April 2005), collected after lower uterine cesarean 
section (LUCS) from consenting mothers (56   ml – 138   ml mean 82   ml   +/ −    5.6   ml   SD, 
median 84   ml, mean packed cell volume 49.7   +/ −    4.2   SD, mean percent hemoglo-
bin concentration 16.6   g/dl   +/ −    1.5   g/dl   SD) was transfused to diabetes patients 
with microalbuminuria and severe anemia, necessitating transfusion. 

 After collection, the blood was transfused, in most cases immediately after 
completion of the essential norms of transfusion. In rare cases, it was kept in the 
refrigerator and transfused within 72 hours of collection to a suitable recipient. 
For inclusion in this study, the patient ’ s percent plasma hemoglobin had to be 
8   g/dl or less (the pretransfusion hemoglobin in this series varied from 5.2   g/dl 
to 7.8   g/dl) in the background of Type II diabetes (fasting sugar 200   mg or more), 
along with features of microalbuminuria (albumin excretion 30 – 299   mg/g creati-
nine). There were 39 informed consenting patients. The patients were randomized 
into two groups: Group A (control cases N   =   15), and Group B (study group 
N   =   24). In Group A, the rise of hemoglobin (Hbg) after two units of adult blood 
transfusion was 1.5 to 1.8   g/dl, as seen after a 72 - hour blood sample assessment. 
The rise of Hbg in Group B as noted after 72 hours of two units of freshly col-
lected cord blood transfusion was .6   g/dl to 1.5   g/dl. 

 Each patient received two of four units of freshly - collected cord blood 
transfusion (two units at a time), depending on availability and compatibility. 
Microalbuminuria was assessed in both groups after one month of treatment with 
transfusion and other identical support. The mean result for Group A was 
152   +/ −    18   mg   SD of albumin per gram of creatinine excreted through 24 - hour 
urine (pre - transfusion mean excretion was 189   +/ −    16   mg in this group) and 
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103   +/ −    16   mg   SD of albumin excretion per gram of creatinine in 24 - hour excre-
tion of urine in Group B (pretransfusion mean excretion was 193   +/ −    21   mg). Uni-
variate analysis using Fisher ’ s exact test was performed for the results of Groups 
A and B. The difference between Group A and B values and its comparison with 
the pre - transfusion microalbuminuria appeared to be statistically signifi cant 
(p    <    .003). No clinical, immunological or non - immunological reaction has been 
detected so far in either group [Bhattacharya  (31) ]. 

 In another study, cord blood transfusions were tested in 39 patients with 
severe anemia of which 22 patients were infected with Plasmodium falciparum 
and 17 patients with Plasmodium vivax. For inclusion in this study, too, the 
patient ’ s plasma hemoglobin had to be 8   gm% or less. The pre - transfusion hae-
moglobin in the malaria infected patients in this study varied from 5.4   gm/dl to 
7.9   gm/dl for falciparum infection and 6.3   gm/dl – 7.8   gm/dl in vivax - infected 
patients. The rise of haemoglobin as estimated after 72 hours of the transfusion 
of two units of cord blood was 0.5   gm/dl to 1.6   gm/dl (Figure  19.1 ). What is inter-
esting is the fact that there was a slow but sustained rise of haemoglobin on the 
seventh day after transfusion (series 3).   

 A univariate analysis using Fisher ’ s exact test was performed for the results 
of Series 2 (rise of haemoglobin after 72 hours from pre - transfusion value) and 
Series 3 (rise of haemoglobin after seven days from pre - transfusion value). The 
difference between Series 2 and Series 3 values and its comparison with the 
pre - transfusion haemoglobin appeared to be statistically signifi cant (p    <    .003). 
This effect could be due to the bone marrow stimulating effect of the different 
cytokine systems of the placental blood (Figure  19.2 ). No immunological or 
non - immunological reaction or adverse metabolic impact on the recipient has 
been encountered so far. There was no detected change of serum creatinine 

    Figure 19.1.     Graphical impact of 2 units of cord blood transfusion on the host after 72 hours. 

Series 1: pre - transfusion haemoglobin in gm/dl. Series 2: post - transfusion haemoglobin in 

gm/dl (after 72 hours).  
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(Figure  19.3 ), urea (Figure  19.4 ), glucose (Figure  19.5 ), bilirubin (Figure  19.6 ), on 
the recipients of two units of cord blood, when compared to the pre - transfusion 
level. There was also an improvement of appetite and a sense of well being in all 
the recipients of cord blood transfusion [Bhattacharya  (32) ].   

 In yet another study, 92 units of ABO matched HLA mismatched cord blood 
transfusion were made to combat severe anemia in the background of beta 
thalassemia (hemoglobin concentration varying from 3.5 to 5.9   g/dl with mean 
hemoglobin 4.6   g/dl). This transfusion was extremely effective in 14 patients as 
an emergency substitute of adult conc. RBC transfusion (male   :   female ratio 1   :   1, 
age varying from six months to 38 years). In this series, the collection of the blood 

    Figure 19.2.     Graphical impact of 2 units of cord blood transfusion on the host after 72 hours 

and 7 days. Series 1: pre - transfusion haemoglobin in gm/dl. Series 2: post - transfusion haemo-

globin in gm/dl after 72 hours. Series 3: post - transfusion haemoglobin in Gm/dl after 7 days.  
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    Figure 19.3.     Graphical impact of 2 units of cord blood transfusion on the host ’ s creati-

nine level as seen after 72 hours. Series 1: pre - transfusion Creatinine in mg/dl. Series 2: post -

 transfusion Creatinine in mg/dl after 72 hours.  
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    Figure 19.4.     Graphical impact of 2 units of cord blood transfusion on the host ’ s urea level 

as seen after 72 hours. Series 1: pre - transfusion Urea level in mg/dl. Series 2: post - transfusion 

Urea level in mg/dl after 72 hours.  
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    Figure 19.5.     Graphical impact of 2 units of cord blood transfusion on the host ’ s glucose level 

as seen after 72 hours. Series 1: pre - transfusion glucose in mg/dl. Series 2: post - transfusion 

glucose in mg/dl (after 72 hours).  
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varied from 57   ml – 136   ml mean 84   ml   +/ −    7.2   ml   SD, median 87   ml, mean packed 
cell volume 45   +/ −    3.1   SD, mean hemoglobin concentration 16.4   g/dl   +/ −    1.6   g/
dl   SD. After collection, the blood was immediately preserved in the refrigerator 
and transfused within 72 hours of collection from the consenting mother under-
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going lower uterine cesarean section. Here, too, no case of immunological or non -
 immunological reaction was encountered [Bhattacharya  (33) ]. 

 In another extensive study conducted between April 1, 1999 and 2005, the 
investigator transfused cord blood in 129 informed consenting patients (54 men 
and 75 women). Patient ages varied from two years to 86 years. Seventy - three 
patients (56.58%) suffered from advanced cancer and 56 (43.42%) patients had 
other diseases like ankylosing spondylitis, lupus erythematosus, rheumatoid 
arthritis, aplastic anemia, and thalassemia major. There was no transfusion related 
problem in this series as well [Bhattacharya  (34) ]. 

 In a recent article published in  Med Hypotheses  in 2007, the authors, 
Chaudhuri A, Hollands P, and Bhattacharya N, have discussed the immense 
potentialities of cord blood use in acute ischaemic stroke to prevent neurological 
damages [Chaudhuri, Hollands, and Bhattacharya,  (35) ].  

  19.8   SPECIAL PROPERTIES OF CORD BLOOD TRANSFUSION 

 Cord blood use and its effect on the host system have several dimensions. One 
signifi cant observation from the studies mentioned is that transfusion of hypoan-
tigenic cord blood in a non - myloablated recipient has a transplant impact on the 
host system, which raises a serious question regarding the necessity of myeloabla-
tion and/or immunosupression on donor recipient HLA mismatch. 

 The author noted this impact in several cases. In a recently published article, 
the author reported the experience of transfusion of 123 units of placental umbil-
ical cord whole blood (62   ml – 154   ml mean 85   ml   +/ −    8.4   ml   SD, median 82   ml, mean 
packed cell volume 48.8   +/ −    4.2   SD, mean percent hemoglobin concentration 
16.3   g/dl   +/ −    1.6   g/dl   SD; after collection the blood was immediately preserved in a 

    Figure 19.6.     Graphical impact of 2 units of cord blood transfusion on the host ’ s bilirubin level 

as seen after 72 hours.  Source: Malar J. 2006; 5: 20 .  
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refrigerator and transfused within 72 hours of collection), which was collected 
after lower uterine cesarean section (LUCS), and transfused to 16 consenting 
HIV - positive patients (12 cases had full - blown AIDS) with anemia and emacia-
tion. Apart from the correction of anemia, there was also defi nite improvement in 
the energy and fatigue levels in individuals with HIV, that is, physical functioning, 
a sense of well - being and weight gain from two to fi ve pounds, within three to ten 
months of the commencement of transfusion. There was also an immediate rise in 
CD34 levels of peripheral blood in the HLA - randomized host after transfusion, 
without any clinical graft versus host reaction [Bhattacharya  (36) ]. 

 Another study was conducted, comprising 106 units (48   ml – 148   ml mean 
81   ml   +/ −    6.6   ml   SD, median 82   ml, mean packed cell volume 49.4   +/ −    3.1   SD, mean 
percent hemoglobin concentration 16.3   g/dl   +/ −    1.7   g/dl   SD) of ABO matched, 
HLA randomized placental umbilical cord whole blood transfusion (taken from 
consenting mothers after LUCS) to 21 informed consenting patients with tuber-
culosis and anemia (from 1 April 1999 to August 2005) who had plasma hemoglo-
bin of 8   g/dl percent or less. The patients received two to twenty - one units of 
freshly collected blood without encountering any clinical, immunological or non -
 immunological reactions. Three days after completion of the placental umbilical 
cord blood transfusion, the peripheral blood hematopoietic stem cell (CD34) 
estimation revealed a rise from the pretransfusion base level (.09%), varying 
from 2.99% to 33%, which returned to base level in 66.66% at the three - month 
CD34 re - estimation, without provoking any clinical graft vs. host reaction in any 
of the patients [Bhattacharya  (37) ]. 

 In another report on the experience of combating anemia in the background 
of autoimmune diseases like rheumatoid arthritis, 78 units (42   ml – 136   ml mean 
80.6   ml   +/ −    3.6   ml   SD, median 82.4   ml, mean packed cell volume 48.2   +/ −    2.1   SD, 
mean percent hemoglobin concentration 16.4   g/dl   +/ −    1.5   g/dl   SD) of placental 
umbilical cord whole blood was transfused (from 1 April 1999 to 31 March 2005) 
to 28 informed, consenting patients with advanced rheumatoid arthritis who had 
plasma hemoglobin of 8   g/dl or less. Three days after completion of the transfu-
sion of placental umbilical cord blood, the peripheral blood hematopoietic stem 
cell (CD34) estimation revealed a rise from the pretransfusion base level (.09%), 
varying from 2.03 to 23% [Bhattacharya  (38) ]. 

 The author has also reported the experience of 74 units (50   ml – 146   ml mean, 
86   ml   +/ −    7.6   ml   SD, median 80   ml, mean packed cell volume 48   +/ −    4.1   SD, mean 
percent hemoglobin concentration 16.2   g/dl   +/ −    1.8   g/dl) of placental umbilical 
cord whole blood collection (from 1 April 1999 to 31 August 2006) transfused to 
16 informed, consenting patients suffering from leprosy with plasma hemoglobin 
8   g/dl or less. Fifteen males and one female, aged 12 to 72 years (mean 48.4 years) 
participated in this trial, of which fi ve cases were having pausibacillary - type (PB) 
infection and 11 cases were suffering from multibacillary - type (MB) infection. 
Seven days after completion of the placental umbilical cord blood transfusion, the 
peripheral blood hematopoietic stem cell (CD34) estimation revealed a rise from 
the pretransfusion base level (.09%), varying from 3.6% to 16.2%, in 75% of 
the cases, without provoking any clinical graft versus host reaction in any of the 
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leprosy victims. This value returned to normal within three months in most cases 
(80%) [Bhattacharya  (39) ]. 

 Another study attempted to ascertain the fate of hematopoietic stem cells 
(CD34) after placental umbilical cord whole blood transfusion, as assessed from 
the peripheral blood CD34 level 72 hours after cord blood transfusion in sex -  and 
HLA - randomized patients and its prognostic implications. 

 In a small study of six cases of cancer patients, a patient with breast sarcoma 
received the lowest amount of cord blood (six units), while another patient with 
breast cancer received the largest amount (32 units). The youngest patient, a 
16 - year - old boy suffering from non - Hodgkin ’ s lymphoma, received eight units of 
cord blood to combat anemia. Other patients received amounts varying from 
7 – 15 units: a patient with metachronous lymph node metastasis received 15 units, 
another patient suffering from breast cancer received 14 units, and one with lung 
cancer received seven units. There was no transfusion - related clinical immuno-
logical or nonimmunological reaction. Studies of CD34 levels showed an initial 
rise followed by a fall in two cases, two cases registered very little effect on the 
CD34 level, that is, no change from the baseline, and one case demonstrated a 
very slow rise from the baseline. However, one case showed a frequent steep rise 
up to 99% and a sustained high CD34 level. This patient is alive with clinical 
remission of the disease [Bhattacharya  (40) ]. These reports of ABO matched 
HLA randomized transfusion with varying degrees of transplant impact on the 
host raises serious questions about the requirement of myeloablation [Riordan 
et al.  (41) ].  

  19.9   CONCLUSION 

 There are about 100 million births per year globally. In India alone there are more 
than 20 million births, which implies production of that many placentas. These are 
normally thrown away. However, one of the products of the placenta is cord 
blood, which has immense potential. 

 Hematopietic stem cells from cord blood are now harvested in many labora-
tories all over the world and stored in cord blood banks, but they constitute only 
.01% of the nucleated cells of the cord blood. The rest, that is 99.99% of the 
blood, which is wasted, is rich in fetal hemoglobin, growth factors and cytokine -
 fi lled plasma. Moreover, in the womb, the fetus benefi ts from the mother ’ s in - built 
defenses against diseases and the placental environment is basically infection free 
in the case of a healthy newborn. 

 To combat the emergency requirement of blood in natural or man - made 
disaster management, both civil and military, these precious hypo - immune fetal 
cells with an altered metabolic profi le are a gift of nature, entrapped inside the 
placenta. Moreover, placental cord blood itself could be a readily available source 
of blood not only in the under - resourced countries of the world, but also in 
case of any genuine requirement for a blood substitute anywhere in the world, 
especially at times of crisis. 
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 The term  “ blood substitute ”  is actually a misnomer, because only a part of the 
total functions of blood, that is, oxygen delivery and volume expansion only, are 
replaced by any available so - called substitute. Cord blood, because of its rich mix 
of fetal and adult hemoglobin, high platelet and WBC counts, and a plasma fi lled 
with cytokine and growth factors, as well as its hypo - antigenic nature and altered 
metabolic profi le, has all the potentialities of a real and safe alternative to adult 
blood during emergencies due to any etiology of blood loss. The viscosity of cord 
blood is less than that of adult blood and this may help tissue perfusion and 
oxygen transfer better. No clinical, immunological, or non - immunological reac-
tions have been encountered so far in this type of transfusion. The observed tran-
sient rise of CD34 after transfusion has immense potential for immunotherapy 
and for its bone marrow replenishing impact, the possibilities of which are cur-
rently under intense scientifi c scrutiny. It has, in addition, all the qualities to 
prevent ischemia and eventual hypoxic - triggered organ failure syndromes. There-
fore, placental umbilical cord whole blood may actually prove to be a better blood 
substitute, with additional therapeutic use, than any substitute currently in the 
market.  
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  20.1   OVERVIEW 

 This chapter reviews the biological interactions to material surface with a per-
spective of developing miniaturized biomedical devices. These interactions are 
surface initiated, and the various surface modifi cation strategies are reviewed. 
Particularly, the opportunities of exploring Thin Solid Films (TSF) for this purpose 
are reviewed. Biomimicry of cell membrane components for the development of 
TSF for biomaterial application are reviewed with an emphasis for its develop-
ment and a study of various physical, chemical and biological properties of the 
TSF at air/water or air/solid interface are reviewed.  

  20.2   DENSE THIN SOLID FILMS 

 Dense thin solid fi lms (TSF) of few nanometers (a monolayer) with desired func-
tional properties have been extensively explored for electronic 1  and computing 2  
applications. There is immense opportunity of these TSF, for bioactive post 
synthetic surface modifi cation of biomaterials and devices, such as bio - sensors, 
detectors, displays, electronic circuit components, and so on. 3  The self - assembly of 
the amphiphilic molecules such as surfactants, lipids, and amphiphilic polymeric 
brushes to form two dimensional (2D) TSF could be laterally stabilized on various 
kinds of materials. Such composite systems (developed in nano to macro scale) 
can do controlled ligand supplementation by avoiding biofouling for an optimum 
performance under diverse biological conditions.  

  20.3   BIOMIMETIC APPROACHES IN SURFACE MODIFICATION 

 Biomimetic approaches were found to be successful in various disciplines. 
Biological membrane biomimicry could be explored for the post - synthetic surface 
modifi cation of nanodevices and materials using TSF. Cell membranes form 
the cell boundaries are fl uid and dynamic as well as effectively participating in 
the biological communication processes. This is attributed to the properties of the 
membrane components, which govern the fl uidity, packing, and orientation of 
the surface groups 4 . The lipids form the major class of the structural elements, 
and are heterogeneous across the membrane. The trans membrane lipid hetere-
genecity is closely controlled in living systems and is disrupted under pathological 
conditions. Surfaces modifi ed with the heterogeneous lipid compositions and 
lipid protein as well as lipid - macromolecular interactions could be explored for 
tissue 5  and blood - compatible surface modifi cation 6  applications such as drug and 
gene delivery. 
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  20.3.1   Air/Water and Air/Solid Properties of Thin Solid Films 
of Lipids 

 Amphiphiles can self - assemble at an air/water or air/ solid interface. Based on the 
nature of thin fi lm formed from different amphiphiles, they can be deposited onto 
a polymer substrate by various techniques, such as thermal evaporation, sputter-
ing, electro deposition, molecular beam epitaxy, and adsorption from solution, 
Langmuir - Blodgett Technique, and Self - assembly 7 . Langmuir - Blodgett trough 
facility is versatile for studies at air/solid and air/water interface. Irwing Langmuir 
was the fi rst to perform systematic studies on fl oating surfactant monolayers 8 . 
However, the fi rst detailed description of sequential monolayer transfer was 
given several years later by Katherine Blodgett 9 . These built up thin solid fi lms 
are therefore known as Langmuir - Blodgett fi lms. 

 The most important indicator of the monolayer properties of an amphiphilic 
molecule (depending upon the properties) is given by measuring the surface 
pressure as a function of the area of water surface available for each molecule. 
This is carried out at constant temperature and is known as surface pressure - 
area isotherm. Figure  20.1  shows the typical pattern of surface pressure - area 
isotherm. 

 A number of distinct regions are immediately apparent on examining the 
isotherm. These regions are called phases. A simple terminology used to classify 
different monolayer phases of fatty acids has been proposed by W. D. Harkins 10 . 
This is applicable to different kinds of molecules at the air/water interface. At 
large, the monolayers exist in the gaseous state (G); on compression, they undergo 
a phase transition to the liquid expanded state (L 1 ). Upon further compression 

    Figure 20.1.      π  - A isotherm. Gaseous state (G), liquid expanded (L 1 ), Liquid Condensed (L 2 ), 

Solid (S) state.  
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the L 1  phase undergoes a transition to the Liquid Condensed state (L 2 ) and even 
at higher concentrations the monolayer reaches the Solid (S) state. If the mono-
layer is further compressed after reaching the S state, it will collapse into three -
 dimensional structures. 

 Apart from these interfacial studies, LB apparatus could also be used for 
transferring the mono -  and multi - layers into solid substrates. The deposition 
process is schematically illustrated in Figure  20.2 . The LB deposition is tradition-
ally carried out in the solid phase. However, amphiphiles can seldom be success-
fully deposited at surface pressures lower than 10   mN/m and surface pressures 
above 40   mN/m, due to lower fi lm rigidity - related problems. When the solid sub-
strate is hydrophilic, the fi rst layer is deposited by raising the solid substrate from 
the subphase through the monolayer, whereas if the solid substrate is hydropho-
bic the fi rst layer is deposited by lowering the substrate into the subphase through 
the monolayer. The deposited (supported) monolayers can be characterized by 
various techniques including Transfer ratio. This is defi ned as the ratio between 
the decrease in monolayer area during a deposition stroke and the area of the 
substrate. A transfer ratio of one and above has been considered as a complete 
wetting of the polymer surface by the monolayer 11 . 

 An alternative strategy to deposit the monolayer is Langmuir - Shaffer tech-
nique. This technique differs from the vertical technique described above only in 
the sense that the solid substrate is horizontally lowered in contact with the 
monolayer. The supported membranes have self - healing power and minimize 
defects on the surface on formation 12 . Nissen et al. has studied the spreading 
kinetics of the self - assembled monolayer over polymer substrates from a large 
source of lipids using a fl uorescent dye. They demonstrated that the spreading 
continues if the lipid reservoir is available in an air/water interface 13  and tend to 
self - limiting fi ngered edges (due to pinning defects) at less supplementation, due 

    Figure 20.2.     Mono and multi layer of thin solid fi lms transferred from the air/water interface 

to the solid supports.  

Solid substrate Head-to-tail

X-type on a hydrophobic
surface

Y-type on a hydrophobic
surface

Z-type on a hydrophobic
surface

Tail-to-tail Head-to-head Tail-to-head
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to loss of intermolecular interactions within the membrane 14 . The molecules are 
laterally mobile within the monolayer. This lateral mobility and expansion gives 
a time - dependent renewability of the surfaces under water. Sackman et al. has 
immobilized proteins into these monolayers and attempted to evaluate the adhe-
sion induced receptor aggregation and adhesion plaque formation 15 .  

  20.3.2   Optimization of Heterogeneous Phospholipids/
Glycolipid/Cholesterol Ternary Lipid Composition, Lateral Stability 
Improvement, and Preliminary Blood Compatibility Studies 

 The authors attempted to immobilize these monolayers over polymeric sub-
strates. The cell membrane components of the endothelial cell membrane, phos-
phatidylcholine (PTC) for phospholipid, Galactocerebroside (GalC) for 
glycolipid and cholesterol (Chol) based on the head group structure to represent 
the major lipid components of the endothelial luminal cell membrane. Further, 
macromolecules such as protein (albumin), polysaccharide (heparin) and polymer 
(Polyethylene glycol), and so on, were incorporated into these lipid monolayers. 
The interfacial behavior of various combinations of lipids as well as the lipid mac-
romolecular combinations have been studied at the air/water interface and depos-
ited on hydrophobic polymer substrates like polycarbonate (PC) and poly methyl 
methacrylate (PMMA) with the help of the Langmuir - Blodgett (LB) trough. The 
packing and orientation of the supported monolayers have been varied by means 
of changing the lipid composition rather than the deposition parameters. This 
approach seems to be more similar to the  in vivo  conditions. The different 
supported monolayer surfaces prepared accordingly are: closely - packed 
ordered hydrophobic surface — polymer (PC) modifi ed with the combination 
(PTC   :   Chol   :   GalC) (1   :   0.35   :   0.125); loosely - packed ordered hydrophobic sur-
face — PC modifi ed with the combination (PTC   :   Chol) (1   :   0.35); closely packed 
ordered hydrophilic surface — PC modifi ed with the combination (PTC   :   Chol) 
(1   :   0.7). Such an optimized surface (PTC   :   Chol   :   GalC) (1   :   0.35   :   0.125) has been 
identifi ed based on maximum transfer ratio from the air/water interface and char-
acterized by using atomic force microscope (AFM). The concentration of choles-
terol has been found to be an important parameter that infl uences the transfer 
ratio. The GalC improves the monolayer integrity under reduced Chol concen-
tration. The blood compatibility of these supported monolayers was studied by 
protein adsorption, blood cell adhesion, and calcifi cation. 

 The authors have optimized an outer cell mimetic lipid composition (OCMC) 
containing (OCMC) (PTC   :   Chol   :   GalC) (1   :   0.35   :   0.125) based on the air/water 
interfacial studies. Further macromolecular anchors such as albumin (OCMC - A) 
(PTC   :   Chol   :   GalC   :   Alb) (1   :   0.35   :   0.125   :   0.008), albumin and heparin (OCMC -
 AH) (PTC   :   Chol   :   GalC   :   Alb   :   Hep) (1   :   0.35   :   0.125   :   0.008   :   0.052), as well as albumin, 
heparin and polyethylene glycol (OCMC - AHP) (PTC   :   Chol   :   GalC   :   Alb   :   Hep   :   
PEG) (1   :   0.35   :   0.125   :   0.008   :   0.052   :   0.15) were incorporated into the lipid layers. 

 The albumin is treated with organic solvents to do phase inversion and incor-
porated into the lipid solution to get stabilized itself. The air/water interfacial 
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behavior of the pure as well as the lipid combinations was studied in detail to 
know the incorporation of the anchors into the monolayer and its stability during 
compression, with the help of LB trough. A bilayer of the lipid compositions were 
immobilized into functionalized polymer (PMMA) substrates with the help of LB 
trough and cross - linked by peptide bonds using carbodiimide chemistry. The 
surface morphology of the supported lipid systems was studied by using atomic 
force microscope (AFM). The fundamental interactions that regulate the blood 
compatibility of these stabilized surfaces have been studied by  in vitro  blood cell 
adhesion from washed cells, protein adsorption, and calcifi cation studies. The 
surface pressure area ( π  - A) isotherm of the pure lipids as well as the different 
lipid/macromolecular combinations were studied at the air/water interface at 
ambient temperature.  

  20.3.3   Air/Water Interfacial Properties of  TSF  

 Figure  20.3 A shows the pressure - area isotherm of the lipids using deionized water 
as the subphase at ambient temperature. The liquid expanded (LE) and liquid 
condensed (LC) phases of the  π  - A isotherm of the PTC and GalC as well as the 
different lipid combinations are coexisting together at the air/water interface. The 
collapse pressure of the isotherms of the lipid combinations are being regulated 
by the parent lipid PTC, at 42   mN/m. The  π  - A isotherm of the cholesterol mono-
layer (Figure  20.3 A (II)) shows a sharp entry from gaseous (G) to LC phase 
during compression, and is similar to that of long chain fatty acids. This is due to 
the strong interaction between the hydrophobic cyclo pentano perhydro phenan-
threne ring of the cholesterol, when they are in close proximity. The collapse pres-
sure of the GalC is increased (Figure  20.3 A (III)) may be due to the stabilization 
effect of the galactose residues. Furthermore, the incorporation of the GalC into 
the lipid monolayer under reduced cholesterol concentrations has increased the 
lateral stability of the monolayer 16 .  

  20.3.4   Macromolecule Incorporation into Lipid Thin Solid Films 

 Protein incorporation into the lipid monolayer depends on the structure, and the 
transmembrane proteins with hydrophobic exterior are well incorporated. 
However, this is not true in the case of hydrophilic soluble globular proteins. 
The authors have attempted to change the conformation of a model globular 
protein (albumin) and incorporated into the monolayer. The interaction studies 
were done at air/water interface with the help of LB apparatus. Incorporation 
of albumin into the monolayer, OCMC - A (Figure  20.3 A (V)), evidenced by 
the increase in mean molecular area and decrease in collapse pressure of  π  - A 
isotherm. This is due to the interaction between the hydrophobic core of the 
monolayer and hydrophobic core of the conformationally - changed protein 17  
molecule. Further incorporation of heparin along with albumin into the mono-
layer improved the collapse pressure from 38 – 42   mN/m along with increase in the 
mean molecular area. Further incorporation of heparin and PEG along with 
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    Figure 20.3.      Surface pressure - area ( π  - A) isotherm (A) : egg - Phosphatidylcholine (I), Choles-

terol (II), Galactocerebroside (III), (PTC   :   Chol   :   GalC) (1   :   0.35   :   0.125) deposited over PC polymer 

surface, OCMC - A (C), OCMC - AH (D)., OCMC - AHP (E).  Structure of the Albumin molecule incor-

porated into lipid bilayer (B) . CD spectra of albumin in its native (A) and altered state (B), 

incorporated into PC (C), OCMC - A (D), OCMC - AHP (E).  
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albumin showed similar phase differences indicating the rearrangement of the 
macromolecules. The CD spectra indicate that the secondary structure of the 
native albumin is altered during the phase inversion. This altered structure is 
retained irrespective of the lipid composition in all the protein lipid mixtures 
(Figure  20.3 B).  
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  20.3.5   Optimization of Deposition Parameters 

 The deposition parameters of these monolayers depend upon the polarity of 
the polymeric substrates as well as the composition of the lipids. To optimize 
the deposition parameters, binary PTC/Chol (1   :   0.7) compositions at different 
dipping and withdrawal speeds of the polymer substrate from the air/water inter-
face, were studied with the help of the LB trough. The deposition was done at 
30   mN/m in all the studies. In natural membranes, the surface pressure is above 
20   mN/m. For an equivalent distribution and packing of the lipids in the model 
monolayer systems, the surface pressure is expected to be at 30 – 35   mN/m. Studies 
at varying dipping speed did not show any difference in the transfer ratio with the 
speed. It indicates the strong hydrophobic interaction between the monolayer 
and the polymer fi lms. However, the second monolayer deposition during 
withdrawal of the polymer substrate has been varying with the speed (Figure 
 20.4 (I)). 

 At 5   mm and 100   mm/min withdrawal speed, there has been no second mono-
layer deposition. This ensures a single hydrophilic face exposed monolayer on the 
polymer substrate. This is schematically represented in Figure  20.4 (II) and may 
be due to the close packing of the deposited monolayer caused by the condensing 
effect of cholesterol. 

 The compositions of the monolayer were varied at this juncture to determine 
the effect of composition on the interaction and packing of the monolayers. 
Further deposition of various other PTC/Chol/GalC combinations was done at 
constant deposition parameters (5   mm/min dipping as well as withdrawal speed) 
at ambient temperature. Figure  20.4 (II) shows the composition effect on transfer 
ratio of the monolayer to the polymer substrates, from the air/water interface. The 
deposition of the PTC monolayer on this hydrophobic polymer surface showed a 
tight packed second monolayer deposition during withdrawal (Figure  20.4 IIB). 
This ensures the exposure of the nonpolar face of the monolayer by burying the 
polar group inside. For the combination of (PTC   :   Chol) (1   :   0.7) only a single 
monolayer deposition is seen on the polymer surface, exposing the hydrophilic 
phase outside as shown in Figure  20.4 IIC. This surface resembles the natural 
cell membrane where the polar groups are exposed to the aqueous phase. This is 
due to the condensing effect of cholesterol, which imparts close packing of the 
deposited monolayer. When the cholesterol concentration is reduced to half 
(PTC   :   Chol) (1   :   0.35) to its original concentration, the interaction between the 
two monolayers was increased during deposition. This will give a loosely packed 
second monolayer on the surface that is inversely oriented exposing the hydro-
phobic face to the aqueous phase (Figure  20.4 IID). From this it is evident that the 
concentration of cholesterol plays an important role in the second monolayer 
deposition. 

 The introduction of the Galactocerebroside into the monolayer (PTC   :   Chol   :   
GalC) (1   :   0.35   :   0.125) further improved the transfer ratio during dipping as well 
as withdrawal to give a more optimized deposition under reduced cholesterol 
concentrations (Figure  20.4 IIE). Therefore the authors chose this monolayer 
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for further detailed characterization. This monolayer showed a compact surface, 
as evident in Figure  20.3 D (1).  

  20.3.6   Surface Properties of Supported Thin Solid Films 

 The contact angle  θ  is reduced from 85    °  to 20    °  during surface modifi cation. The 
stability studies were done under low shear conditions. Figure  20.4 (III) shows the 
stability studies of the modifi ed surfaces, represented in terms of the change in 
contact angle. The polymeric surface modifi ed with the ternary lipid layer shows 
less stability as compared to the laterally stabilized surfaces. In this surface the 
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    Figure 20.4.      The effect of speed on transfer ratio of the monolayer (I) ; monolayer of 

(PTC   :   Chol) (1   :   0.7) during upstroke,  Transfer ratio of the monolayer with different composi-

tions (II) ; during downstroke and upstroke of the polymer fi lm vertically at the interface; PTC 

(B), (PTC   :   Chol) (1   :   0.7) (C), (PTC   :   Chol) (1   :   0.35) (D), (PTC   :   Chol   :   GalC) (1   :   0.35   :   0.125) (E). The 

surface pressure was maintained at 30   mN/m for all the monolayers during deposition.  Stabilil-

ity studies under low shear stress conditions (III) ; PMMA Bare (A), OCMC (D). PMMA modifi ed 

with OCMC - AH (B), OCMC - AHP (C) (B).  
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contact angle have been stabilized after a certain period, may be due to the 
improved stability contributed by the Chol and GalC (condensation effect). 
However, in the case of polymer surface modifi ed with ternary lipids containing 
anchors (Figures  20.4 IIIB and C) the contact angle has not varied signifi cantly 
with time. This shows that the anchored lipid layers are much more stable on the 
polymer surface than the unanchored lipid layers.  

  20.3.7   Biological Interactions onto These Surfaces 

 Further characterizations of the supported lipid layers are done only for those 
with improved stability by the lateral stabilization using anchors of albumin, 
heparin, and PEG. The surface morphology of the optimized PC modifi ed surface 
was studied using AFM in contact mode in air. Figure  20.5 (I) shows the contact 
mode AFM image of the PC surface modifi ed with optimized lipid composition, 
in air. The surface shows a smooth texture with domains of the size range of 50 –
 100   nm. No holes or uneven regions were observed on the surface.   
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    Figure 20.5.      AFM image of bilayer (I) : PC polymer surface modifi ed with (PTC   :   Chol   :   GalC) 

(1   :   0.35   :   0.125).  Platelet activation on to material surface (II) ; Bare Polymer substrates (A), 

modifi ed with cell mimetic monolayer (II), Blood cell adhesion studies on lipid modifi ed 

polymer surfaces, using washed cells. PC bare (A). PC modifi ed with, (PTC) (B), (PTC   :   Chol) 

(1   :   0.7) (C), (PTC   :   Chol) (1   :   0.35) (D), (PTC   :   Chol   :   GalC) (1   :   0.35   :   0.125) (E).  Densitometric diagram 

of the protein adsorption - desorption studies on lipid modifi ed polymer surfaces (III) , using 

mixture of proteins. X axis length in cm (maximum 6   cm), and Y axis absorbance (maximum 

value   =   0.5). Polymer bare (A). Polymer modifi ed with lipid bilayer containing albumin and 

heparin (II), albumin heparin and polyethylene glycol (III). The peaks in fi gure - III are (1) 

albumin, (2)  γ  globulin and (3) fi brinogen.  Calcifi cation studies (IV) : Bare polymer substrate 

(A). Polymer modifi ed with lipid bilayer which is anchored with albumin and heparin (B).  Blood 

cell adhesion studies on lipid modifi ed polymer surfaces (V) ; using washed cells. PC bare (A). 

PC modifi ed with, (PTC) (B), (PTC   :   Chol) (1   :   0.7) (C), (PTC   :   Chol) (1   :   0.35) (D), (PTC   :   Chol   :   GalC) 

(1   :   0.35   :   0.125) (E).  Schematic representation of the proposed orientation of the deposited 

mono and bilayers on hydrophobic PC polymer surface and their protein as well as blood 

cell interaction (VI) ; Horizontally, PC bare (A), PC modifi ed with (PTC   :   Chol) (1   :   0.7) (B), PC 

modifi ed with (PTC   :   Chol) (1   :   0.35) (C), PC modifi ed with (PTC   :   Chol   :   GalC) (1   :   0.35   :   0.125) (D). 

Vertically, The unmodifi ed and modifi ed substrates (1) Protein adsorption to the substrates (2) 

Cell adhesion to the substrates (3). PTC (   ), Chol (   ), GalC (   ), protein 

(   ), erythrocyte (   ), leukocyte (   ), Platelets (   ) (II).  Schematic represen-

tation of Stabilized supported bilayer on polymeric substrate and osmotic exclusion of ions 

proteins and blood cells from the modifi ed surface (VII) , Bare polymer (A), OCMC (D), polymer 

modifi ed with OCMC - AH (B), OCMC - AHP (C), Albumin (   ), Heparin (   ), PEG (   ), 

PC (   ), Chol (   ), GalCC (   ). Ions., (P) Proteins, (C) Blood cells (II).  

  20.4   CALCIFICATION STUDIES 

 To check the bioactive interaction with ions, calcifi cation studies from metastable 
salt solution were done on modifi ed surfaces. Calcifi cation to the organized 
organic – inorganic interface in biological systems has been reported. Apart from 
the blood compatibility, calcifi cation studies also provide understanding of the 
orientation and packing density of the supported monolayers. Figure  20.5 (IV) 
shows the calcifi cation to the polymer surfaces. The authors have found that the 
overall calcifi cation to the modifi ed surfaces reduced signifi cantly with respect to 
the PC alone.  

  20.5   PROTEIN INTERACTION STUDIES 

 The modifi ed surfaces are antifouling, as evident from Figure  20.5 (III). The 
adsorbed proteins onto these ordered monolayers form a gradient at the surface 
by retaining the natural conformation and hinder further interaction with the 
blood cells. On surfaces where the protein interaction to the surface is minimal, 
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the thrombosis may get mediated through the direct interaction between the 
exposed surface groups and the receptors of the blood cells. Therefore, the authors 
have studied the blood cell interaction to these surfaces from washed blood cells.  

  20.6   BLOOD CELL ADHESION STUDIES 

 Figure  20.5 (V) shows the data of blood cell adhesion using washed platelets, 
erythrocytes and the leukocytes to the bare PC and the modifi ed surfaces. The 
results show an overall decrease in cell adhesion on to modifi ed surfaces as 
compared to the bare polymer surface. The orientation as well as packing of the 
exposed monolayer infl uences the observed difference in cell adhesion. Further-
more, the optimized surface, PC modifi ed with (PTC   :   Chol   :   GalC) (1   :   0.35   :   0.125) 
have been evaluated towards the platelet activation from platelet rich plasma to 
confi rm the anti - thrombogenecity of the surface.  

  20.7   PLATELET ADHESION AND ACTIVATION STUDIES 

 Platelet adhesion and activation are two important steps that regulate the forma-
tion of the thrombus and medical device rejection. During the initial stage of 
surface activation, the change in conformation of the adsorbed proteins exposes 
RGD sequences that are sensitive to the platelet GPIIb/IIIa receptor. When 
platelets are surface activated, they progress through a sequence of morphologi-
cal changes. This can be evaluated by using SEM. The surface activation contrib-
utes to the change in the organization of the cytoskeleton, in turn increases the 
surface area of the platelets by the formation of pseudopods. The adhered and 
activated platelets go through a sequence of cytoskeletal events and rise in endo-
plasmic Ca++ concentration, polymerization of actin fi laments, thrombin activa-
tion, release of the cytoskeletal granule contents, and platelet aggregation. The 
extent of shape change and the spread area have been related to the surface ener-
getic of the polymer materials. Therefore the platelet activation studies are essen-
tial to prove the blood compatibility of the surface. The shape change could be 
correlated with the activation. 

 The studies were done for two hours with PRP under static conditions. 
Usually one hour is suffi cient to establish the activation of the platelets 18 . The 
authors ’  studies show that the platelet activation to the modifi ed surface has been 
signifi cantly reduced as compared to the bare polycarbonate surfaces (Figure 
 20.5 (II) 16 . The surface mediated shape change of the cells has been related to the 
physical (interfacial energy) and the chemical (due to specifi c groups) interac-
tions. More than half of the platelets adsorbed to the bare polymer surface were 
fully spread and the other platelets were on the verge of spreading. The extended 
pseudopods of the activated platelets on the bare polymer surface indicate that 
these platelets can recruit the other platelets still in suspension. (Form surface 
bound aggregates with time.)  
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  20.8   CONCLUSIONS 

 Development of thin solid fi lms based on self - assembling of amphiphiles by bio-
mimetic approaches has immense potential in controlling the biological interac-
tions. The composition as well as the processing conditions regulates the physical 
properties of the lipid TSF. This further regulates the integrity of the supported 
TSF. Calcifi cation, protein adsorption, as well as blood cell adhesion and activa-
tion is minimal on these surfaces. Incorporation and lateral stabilization of the 
proteins as well as other macromolecules into the TSF gives immense opportu-
nity for controlled ligand supplementation.  
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  21.1   OVERVIEW 

 In the current era, the management of cardiovascular diseases is substantially 
infl uenced by the research and development in biomaterials. At the same time, 
the choice of materials intended for this segment has been the most diffi cult 
owing to the stringent requirements of blood compatibility. This has led to the 
researchers look towards surface coatings., The substrate material can be chosen 
to provide the required strength for structural integrity, while coatings can 
be employed to enhance the blood compatibility. Titanium Nitride (TiN) and 
Diamond Like Carbon (DLC) are two such ceramic coatings that seem to offer 
excellent prospects. 

 Both DLC and TiN exhibit similar properties such as hardness, low frictional 
coeffi cient, high wear and corrosion resistance, chemical inertness, and very good 
processability. Both coatings can be polished to a high level of surface fi nish, 
which is an important parameter in blood contacting applications. Both exhibit 
very good tissue and blood compatibility and are well tolerated in biological envi-
ronments. This chapter looks at the processing, characterization, and applications 
of TiN and DLC coatings, with a focus on cardiovascular applications.  

  21.2   CARDIOVASCULAR DEVICES 

 In no area of medical practice have synthetic biomaterials played a more 
critical role than in the cardiovascular system [Ratner  2004 ]. Cardiopulmonary 
bypass with the help of oxygenators and pumps have made possible open heart 
surgeries. Artifi cial heart valves are used to replace damaged or diseased natural 
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valves with substantial enhancement of both survival and quality of life. Vascular 
stents inserted with the help of catheters have provided new dimensions in the 
treatment of coronary artery disease. Synthetic vascular grafts used to repair 
weakened blood vessels, while bypass blockages have saved many from massive 
bleeding or have resulted in enhanced blood fl ow to severely ischemic organs and 
limbs. Devices to aid or replace the pumping function of the heart include intra -
 aortic balloon pump, ventricular assist device, and total implantable artifi cial 
heart. Pacemakers and automatic internal defi brillators are widely used to over-
ride or correct aberrant, life - threatening cardiac arrhythmias. 

 Most of these devices either alleviate the conditions for which they were used 
or provide otherwise enhanced function. Nevertheless, device failure and/or other 
tissue material interactions frequently cause clinically observable complications. 
Some important mechanisms of tissue material interactions are similar across 
device types, and several generic types of device related complications can occur 
in recipients of nearly all cardiovascular implants [see Table  21.1 ]. These include 
thromboembolic complications, infections, dysfunction owning to materials 
degeneration and improper healing of the luminal surfaces etc. These problems 
arise from the fact that even after six decades of research, no material has been 
found to be truly blood compatible and many devices function with low or accept-
able risks of complications. The understanding of the complex mechanisms of 
blood materials interactions is still far from complete.    

 TABLE 21.1.     Major Failure Modes of Cardiovascular Devices 

  Heart valve        •      Thrombus/embolism  
   •      Anti coagulant related hemorrhage  
   •      Infection (Endocarditis)  
   •      Structural dysfunction  
   •      Non - structural dysfunction     

  Vascular graft        •      Thrombus/embolism  
   •      Graft infection  
   •      Perigraft seroma  
   •      False aneurysms  
   •      Intimal fi brous hyperplasia  
   •      Structural failure     

  Circulatory assist devices        •      Thrombus/embolism  
   •      Infection (endocarditis)  
   •      Extra luminal infection  
   •      Hemolysis  
   •      Structural dysfunction     

   Coronary stents         •      Thrombus/embolism  
   •      Restenosis  
   •      Neointimal proliferation  
   •      Aneurysm formation  
   •      Structural dysfunction     
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  21.3   HEMOCOMPATIBILITY 

 The success of any material in the biological environment is defi ned by its reac-
tion to and from the surrounding environment. But there is no universally 
accepted defi nition for biomaterial and biocompatibility. In general, it is under-
stood that a biomaterial is required to perform with  appropriate host response  in 
a  specifi c application . Hence no single test can be used for ascertaining the bio-
compatibility of a material and a material cannot be categorically stated as a 
biocompatible. But it can be concluded, through a series of properly selected 
qualifi cation studies, that a material is suitable for use in a certain specifi c applica-
tion. The most popular and accepted standard in this area is ISO 10993:  Biological 
evaluation of medical devices , which addresses the issue of biocompatibility by 
categorizing the materials based on the nature and duration of body contact. In 
this context, the classifi cation of biomaterials based on the nature of body contact 
takes practical signifi cance and biomaterials get classifi ed as cardiovascular, 
orthopedic, dental, wound care materials, etc. 

 Blood constitutes about 8% of the total body weight of the human and con-
tains mainly water ( > 90%), proteins such as albumin, globulins, fi brinogen, differ-
ent types of cells (platelets, white and red cells), ions and different organic 
nutrients such as lipids and carbohydrates [see Table  21.2 ] [Moriau et al.,  1988 ]. 
All these components are implicated in several complex physiological processes 
related to the multiple functions of blood such as: 

   •      transport of gases, nutrients, waste products, regulatory molecules;  
   •      regulation of pH and osmosis;  

 TABLE 21.2.     Major Constituents of Blood 

        Constituent     Primary function(s)  

  Plasma (55%)    Water 92%    Transport  
  Proteins 7%    Albumin (58%)    Capillary colloid; reduces fl uid 

leakage out of capillaries; transport  
  Globulin (38%)    Substrate for formation of other 

molecules; immunity [antibodies]; 
transport  

  Fibrinogen (4%)    Blood clotting  
  Other Solutes (1%)  
  Na + , K + , Ca 2+ , Mg 2+ , Cl  −  ,   HCO3

−,   HPO4
2−,   SO4

2− 
 Organic nutrients (lipids, carbohydrates, amino acids) 
 Organic wastes (urea, uric acid, creatine, bilirubin)  

  Formed 
Elements  

  Platelets (250 – 400    ×    10 3 /mm 3 )    Blood clotting  
  WBC (5 – 9    ×    10 3 /mm 3 )    Immunity  
   RBC (4200 – 6200    ×    10 3 /mm 3 ) 
( > 99.9%)  

   Transport  
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   •      maintenance of body temperature;  
   •      protection against foreign substances (complement system);  
   •      clot formation preventing bleeding after injury (haemostasis/coagulation).      

 The last two processes are the most important in the material tissue interaction, 
since they dramatically infl uence the safe and appropriate function of a blood -
 contacting device. The activation of the complement system is associated with 
infl ammation surrounding the implant, while the activation of the coagulation 
cascade leads to thrombus formation and all related pathologies. 

 The interaction of biomaterials with blood constituents leads to many specifi c 
reactions. The extent and direction of these reactions determine the blood com-
patibility of the material. The prominent pathways of blood – material interaction 
could be classifi ed as: 

  1.     water adsorption  
  2.     protein deposition and adsorption  
  3.     blood cell – material interactions  
  4.     haemostasis and coagulation  
  5.     complement activation    

  21.3.1   Water Adsorption 

 The fi rst event on biomaterial in contact with blood is the adsorption of inorganic 
ions and water molecules. On contact with water, the superfi cial structure of 
hydrophobic materials is not changed, but an intermediary layer of water of a few 
molecules thickness, having a more ordered structure than in pure liquid water, is 
formed. On the other hand, the surface of hydrophilic materials is greatly modi-
fi ed by water. Water molecules become enmeshed in the macromolecular network 
and break certain interactions between the polymer chains (Vogler,  1998 ).  

  21.3.2   Protein Adsorption 

 Another early event in blood material interaction is the rapid and selective 
adsorption of proteins by a multi stage process. The proteins may bind to a surface 
via three possible mechanisms: 

   •      electrostatic bond formation between charged groups on the protein and 
oppositely charged surface sites (on ceramics surfaces, for instance),  

   •      hydrogen bonding (on relative polar substrates) and,  
   •      hydrophobic interactions (on low polar polymers), defi ned as the interac-

tion of non - polar groups in aqueous media.    

 Adsorption of protein molecules is relatively rapid, but variable, and as much as 
75% may get completed in the fi rst fi ve minutes, reaching a maximum in about 
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one hour time period. The surface concentration may depend on the type of 
protein adsorbed, but could be of the order of 0.1 – 1.0    μ g/cm 2 . 

 In general it has been found that preferential or selective adsorption occurs 
so that certain proteins may be enriched in the surface and vice versa. Surface 
chemistry, time of adsorption, and protein type are major factors in determining 
the composition of the adsorbed layer. Small proteins, by virtue of their higher 
diffusion coeffi cients, will initially adsorb faster than large proteins during com-
petitive adsorption (Ramsden,  1995 ). 

 Proteins also undergo conformational changes during the adsorption process. 
These conformational changes may have a positive consequence (surface pass-
ivation with an irreversibly adsorbed protein monolayer) or negative conse-
quence (initiation of blood - enzyme systems, in particular the activation of the 
coagulation and complement system due to the desorption of the surface acti-
vated protein components (Eloy et al.,  1990 ).  

  21.3.3   Blood Cell Interactions 

 Cells adhesion occurs at a later stage and is mediated by the proteins initially 
adsorbed on the surface. Platelets, amongst the other cells present in blood, play 
the more important role in blood - material interactions. Hemodynamic conditions 
are of major importance in the adhesion of platelets to material surface and in 
determining localization, growth, and fragmentation of thrombi. Platelet adhe-
sion to a surface is governed by two independent mechanisms: the transport of 
platelets to the surface, which depends on the fl ow conditions, and the reaction of 
platelets with the surface, which depends on the nature of the surface and the 
adsorbed proteins (Hanson,  2004 ). 

 Red cells can bind weakly to some non - endothelial materials ’  without spread-
ing. They signifi cantly contribute to blood surface interactions in several ways. 
Collision of red cells with other blood cells and plasma proteins reduces their 
adsorption on the materials ’  surfaces. Leucocytes, particularly neutrophils and 
monocytes, have a strong tendency to adhere to surfaces. As a result of leukocyte 
adhesion, several reactions are initiated. These include platelet – platelet and 
platelet – leukocyte interactions, the detachment of adherent thrombi by the action 
of leukocyte proteases, the detachment of adherent platelets and adsorbed pro-
teins by leucocytes, and the release of leukocyte products that may rise to both 
local and systemic reactions.  

  21.3.4   Haemostasis and Coagulation 

 Several distinct but interrelated thrombotic and anti - thrombotic systems exist to 
prevent the formation of intravascular clots that are expected in response to vas-
cular trauma. Haemostasis is the sum of these mechanisms and serves to limit 
blood loss following injury. Once regulation is initiated, the same mechanisms 
fi rst combine to localize the clot at the site of injury, then to terminate coagula-
tion, and fi nally to remove the clot once it has served its purpose. These haemo-
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static mechanisms include platelet activation, coagulation, and fi brinolysis. The 
processes of coagulation and fi brinolysis represent a dynamic balance involving 
the formation and removal of fi brin. If the balance of these processes is upset, 
either excessive bleeding or thrombosis may occur. The abnormal thrombus 
formation and related cardiovascular disorders is one of the major challenges in 
blood – compatible materials design.  

  21.3.5   Complement Activation 

 The complement system consists of more than twenty plasma proteins that func-
tion either as enzymes or as binding proteins. Complement activation is initiated 
through different pathways and all of them contain an initial enzyme that cataly-
ses the formation of the assembly of the terminal complement complex. Various 
complement products (such as C3b, C4b and iC3b) bind to material surfaces, 
which facilitate their uptake by infl ammatory cells. Complement activation also 
releases anaphylatoxins which are humoral messengers that bind to specifi c 
receptors on neutrophils, monocytes, macrophages, mast cells and smooth muscle 
cells. They produce smooth muscle contraction, mast cell histamine release, affect 
platelet aggregation, and act as mediators of the local infl ammatory process 
(Hakim,  1992 ).   

  21.4   CARDIOVASCULAR BIOMATERIALS 

 In the study of blood material interactions, a strong contrast exists between 
natural blood contacting surfaces and artifi cial material surfaces. The entire blood 
contacting natural surfaces in human body are lined with the endothelial cells. 
The most important function of endothelium is to offer a blood - compatible 
surface to fl owing blood. The platelets, erythrocytes, and leucocytes do not adhere 
to the endothelium. With the help of variety of mechanisms, endothelium pre-
vents adhesion of cells and activation of clotting factors and ensures the removal 
of thrombus formed on it (Courtney et al.,  1998 ). 

 The artifi cial surfaces can neither perform an active role similar to that 
achieved by the endothelium through the synthesis and release of specifi c sub-
stances, nor provide a surface that blocks the adhesion of proteins and cellular 
elements from blood. The inability of artifi cial surfaces to perform an active role 
means that the application of such surfaces may require simultaneous therapy 
with anticoagulants, platelet aggregation inhibitors, and/or plasminogen activa-
tors. This calls for anti platelet and anticoagulant therapy to be employed with 
most of the cardiovascular implant devices. 

 Only very few industrial materials are known to be employed in cardiovascu-
lar devices. Certain grades of stainless steels (SS 316L, SS316LVM), cobalt based 
alloys (Stellite 21, Haynes - 25) and titanium alloys (Commercially pure titanium, 
Ti6Al4V) are widely - used metallic cardiovascular biomaterials. Polyethylene 
terepththalate (PET), Polytetrafl ouroethylene (PTFE) and ultra high molecular 
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weight polyethylene (UHMWPE) are well - known polymers. Of these, titanium 
and its alloys are generally considered to be good blood compatible alloys 
(Muraleedharan et al.,  1995 ). 

 Titanium owing to the presence of non - porous titanium oxide layer presents 
a ceramic surface to blood. Though titanium is one of the most chemically reac-
tive of all metals, it is also one of the most corrosion - resistant because of the 
lower reactivity of this oxide fi lm. The biocompatibility and specifi cally blood 
compatibility of titanium and titanium alloys result from the chemical stability, 
repassivation ability, and structure of this titanium oxide fi lm that is typically only 
a few nanometers thick. The fi lm is normally composed of a titanium/titanium -
 oxide composite close to the bulk material and a titanium - oxide fi lm that could be 
a few nanometers thick. The surface of the titanium - oxide fi lm may have hydro-
xide and adsorbed water bond with titanium ions, which forms an extremely 
blood - compatible interface since it allows adsorption of proteins when exposed 
to blood. Even when any physical damage occurs to this coating, the interface is 
rebuild suffi ciently fast by minimizing the chance for platelet adhesion. This 
ability of the coating to repassivate with suffi cient speed could be attributed to 
the blood compatibility of titanium alloys. 

 Most often, metallic and polymer surfaces are coated with special coatings to 
enhance their blood compatibility. Much of the efforts in biomaterials research 
over the past 50 years have been directed toward the development of coatings 
that do not react with platelets and coagulation factors. Mainly three categories 
of coatings are employed for enhancing blood compatibility, that is, coating of 
pharmacological agents (heparin and heparin - like agents), anti - adhering coat-
ings, and inert coatings. 

  21.4.1   Heparin and Heparin - Like Coatings 

 Heparin - based coatings have demonstrated substantial improvement in the 
performance of a variety of blood contacting medical devices. Heparin is a 
pharmaceutical that has been used clinically for decades as an intravenous 
anticoagulant to treat inherent clotting disorders and to prevent blood clot for-
mation during surgery and interventional procedures. Heparin molecules are 
polysaccharides with a unique chemical structure that gives them specifi c biologi-
cal activity. When heparin is immobilized on the surface of a medical device 
ma terial, it improves the performance of the material when it is exposed to blood 
in several ways: 

   •      It provides local catalytic activity to inhibit several enzymes critical to the 
formation of fi brin.  

   •      It reduces the adsorption of blood proteins.  
   •      It reduces the adhesion and activation of platelets.    

 Alternatives to the heparin approach have also been developed for pre-
venting surface - induced thrombus formation. In these approaches, synthetic, 
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non - biological molecules are used to create surfaces with improved blood 
compatibility. Passivation with hydrophilic molecules to mask the underlying 
thrombogenic surface from the blood is one method. The passivated surface 
reduces or prevents the adhesion of thrombogenic cells and proteins onto the 
underlying substrate or material, thereby preventing surface - induced blood 
clotting. Another approach involves coatings that actively recruit and bind native 
albumin from the patient ’ s own blood onto the device surface. This albumin - 
binding coating acquires a thin, self - regenerating, absorbed albumin layer on the 
surface. The albumin covered surface minimizes and prevents the adhesion of 
unwanted thrombogenic cells and proteins.  

  21.4.2   Anti - Adherent Coatings 

 For applications requiring short term blood compatibility, it is important only that 
the device repel platelets, proteins, or cells. It may not be necessary to provide 
heparin or heparin - like coatings on the surface, since the attachment of blood 
components must be prevented for a limited time only, and the risk of introducing 
emboli into the blood stream is minimal. In addition, the patient usually receives 
systemic anticoagulants during such procedures, further reducing the need for a 
bioactive coating on the device. 

 Most of the anti - adherent coatings employed make use of hybrid polymer 
systems such as hydrogels and hence provide the additional feature of reducing 
friction on the device surface. Products that can benefi t from the use of these anti -
 adherent coatings are catheters, such as percutaneous transluminal coronary 
angioplasty (PTCA) catheters, guide catheters, angiography catheters, dilators, 
introducers, and drug - infusion catheters.  

  21.4.3   Inert Coatings 

 Most of the blood - compatible coatings discussed in earlier sections are meant for 
devices that come in contact with blood for a short span of a few hours to a few 
weeks. But when it comes to long - term implants, these techniques do not produce 
very encouraging results. Coatings incorporating pharmacological agents like 
heparin have limited service life because the activity of the pharmacological 
agent diminishes with time. Hydrogel coatings can get metabolized by enzymes 
over time and hence become ineffective in long duration implants. 

 The best strategy in long - term implant application is to make the substrate 
itself suffi ciently blood compatible or to impart coatings that will stay intact for 
the life of the implant. The use of ceramic coatings, especially on metallic sub-
strates, becomes more signifi cant in this situation. 

 Diamond - like carbon (DLC) and Titanium nitride (TiN) are two ceramic 
materials which offer tremendous potential for use as blood - compatible coat-
ings for long - term applications. Both DLC and TiN exhibit similar properties 
such as high hardness, low frictional coeffi cient, high wear and corrosion resis-
tance, chemical inertness, high electrical resistivity, infrared - transparency, 
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and high refractive index. Both coatings can be polished to an extremely high 
level of surface fi nish, which is an important parameter in blood contacting appli-
cations. Typical physical properties of DLC and TiN coatings are provided in 
Table  21.3 .     

  21.5   DIAMOND LIKE CARBON 

 The pioneering work by Aisenberg  &  Chabot (Aisenberg et al.,  1971 ) on thin 
fi lms of diamond like carbon (DLC) paved the way to intense research activity 
in this area. In addition to excellent properties such as low friction, good wear 
resistance and high hardness, DLC fi lms have been shown to be extremely bio-
compatible (Dion et al.,  1993 ; Thomson et al.,  1991 ). 

 Several methods are used to produce diamond like carbon fi lms, the promi-
nent ones being ion - beam deposition (IBD) of carbon ions, sputter deposition of 
carbon with or without bombardment by an intense fl ux of ions (PVD), and depo-
sition from an RF plasma, sustained in hydrocarbon gases, on substrates that are 
negatively biased (plasma - assisted chemical vapor deposition or PACVD) (Zou 
et al.,  2004 ). 

 The Ion beam deposition has the advantage of being able to deposit high -
 quality coatings at very low temperatures (near room temperature). The dis-
advantages are that the deposition rate is very low (1    μ m/hr maximum) and that 
being a line of sight deposition technique, even substrates of simple geometry 
need complex manipulation to ensure uniform coating. PACVD techniques 
employing radio frequency and direct current glow discharges in hydrocarbon gas 
mixtures that produce smooth amorphous carbon and hydrocarbon fi lms. The 
PACVD processes will generally require deposition temperatures of at least 
600    ° C to give the required combination of properties; however, low temperature 
deposition is also possible with in certain limits. The CVD technique gives good 
deposition rates and very uniform coatings and is suited to large - scale production 
applications. 

 Another technique, which combines the benefi ts of both PACVD and IBD, is 
the closed fi eld sputter ion plating. Low pressure RF plasma CVD is adopted for 
high rate deposition ( > 5    μ m/hr), in combination with simultaneous ion assistance 
and physical vapor deposition from unbalanced magnetron sputtering sources, to 
give very high quality fi lms (Sella et al.,  1993 ). 

 TABLE 21.3.     Typical Physical Properties of  DLC  and  T  i  N  Films 

   Property     Unit     DLC     TiN  

  Density    g/cc    2.02    5.22  
  Color     —     Brown to black    Golden yellow  
  Coeffi cient of friction (Vs SS 316L)     —     0.06 – 0.1    0.4 – 0.65  
   Modulus of elasticity     GPa     150 – 250     450 – 600  
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  21.5.1   Substrates 

 The authors have been working in the area of medical devices, especially cardio-
vascular devices, for more than two decades, which included products such as 
artifi cial heart valves, oxygenators and other cardio pulmonary support devices 
(Muraleedharan et al.,  2006 ). As part of these development activities, many 
ma-terials such as cobalt - based alloys, titanium and its alloys, and ultra - high 
molecular - weight polyethylene (UHMWPE) were evaluated for their physico -
 chemical and biological behavior. Based on this experience, commercially - pure 
titanium (conforming to ISO 5832 — Implants for surgery — metallic materials 
Part 2: Unalloyed titanium) and UHMWPE were selected as substrates. 

 The titanium samples were machined from annealed rods and polished using 
a multi - stage process to obtain an average surface fi nish better than 0.2   micron Ra 
(Kalyani Nair et al.,  2003 ). UHMWPE samples were machined from extruded 
rods and then polished using a solid state compaction process to achieve similar 
levels of surface fi nish. These samples were cleaned using neutral soap in an ultra-
sonic cleaner prior to the coating process.  

  21.5.2    DLC  Coating Process 

 DLC deposition was done on Ti and UHMWPE substrates using plasma -
 enhanced chemical vapor deposition (PECVD) technique (M/s. ICC, Le M é e Sur 
Seine, France). Prior to the coating, the samples underwent an ionic etching 
process using argon plasma in order to improve the adhesion of the coating on 
the substrate (Hauert,  2003 ). This ionic etching process considerably increases the 
surface energy and liberates the chemical liaison allowing an increase in the adher-
ence. A mixture of methane and hydrogen is used as precursor and the process 
parameters are adjusted to get a coating of thickness between 1    μ m to 5    μ m.   

  21.6   TITANIUM NITRIDE 

 Titanium Nitride (also known as Tinite, TiN) is a hard ceramic material, often 
used as a coating on metal alloys to improve the substrate ’ s surface properties. It 
has low coeffi cient of friction and corrosion rates and hence is used in applica-
tions where friction, wear, and erosion are important design considerations. Tita-
nium nitride is extensively used in medical applications, especially as orthopedic 
and dental biomaterials (Wisbey et al.,  1987 ). 

 Physical Vapor Deposition (PVD), Chemical Vapor Deposition (CVD), and 
ion implantation are the most widely employed techniques for deposition of TiN 
coatings. PVD is a vapor deposition process either carried out using vacuum 
evaporation techniques or using sputtering. In sputtering, a source (cathode) is 
bombarded in a high vacuum with high energy inert gas ions producing a glow 
discharge or plasma. Atoms from these are ejected and accelerated using external 
bias towards the substrate to form the coating. 



688 TITANIUM NITRIDE AND DIAMOND LIKE CARBON COATINGS

 Chemical Vapor Deposition (CVD) is another very widely - used method for 
titanium nitride coating. CVD relies on the reaction of metal halide (titanium 
chloride) gas along with nitrogen. The addition of nitrogen lowers the free energy 
of the reaction products so that titanium nitride is formed in preference to the 
titanium metal. 

  21.6.1   Substrates 

 Titanium alloy (Ti6Al4V) (conforming to ISO 5832 — Implants for surgery —
 metallic materials: Part 3: Wrought titanium — 6 aluminum — 4 vanadium alloy) 
was chosen as substrate for titanium nitride with artifi cial heart valve cages as one 
of the prospective applications.  

  21.6.2    T  i  N  Coating Processes 

 All samples went through a thorough cleaning process prior to coating. PVD with 
vacuum evaporation was used for the coating of the samples in this study. Uniform 
coating thickness in the range of one to two microns was achieved. In evaporation 
process, the coating material is heated in a vacuum above its boiling point. The 
molecules in the vapor phase condense on the substrate to form the coating.   

  21.7   COATING CHARACTERIZATION 

 Raman spectra of the DLC coatings were recorded by illuminating the samples 
with a 40   mW power laser whose wavelength was 514.52   nm. The Raman spectra 
of the DLC coatings indicated a broad maximum around 1525   cm  − 1  and a shoul-
der like feature at 1223   cm  − 1  but did not show any sharp features normally 
observed in the case of pure diamond and graphite (Krishnan et al.,  2002 ). 

 Energy dispersive X - ray microanalysis (EDX) was carried out on the TiN 
surface (Figure  21.1 ) and the presence of titanium nitride was confi rmed. The 
elemental composition of the surface was estimated from the EDX as titanium 
(95.6%), aluminum (0.16%), vanadium (0.81%) and nitrogen (2.64%).   

  21.7.1   Surface Roughness Estimation 

 The major factors that affect the blood compatibility of any material are its 
surface characteristics in terms of surface roughness, free charge, and impurity 
levels. The surface roughness of the samples was studied using optical profi lo-
meter (Talysurf CLI 1000, Taylor Hobson, UK). The average surface roughness 
was estimated from area profi les of six independent 0.2   mm    ×    0.2   mm zones, each 
acquired with 1.0    μ m spatial resolution. The waviness of the surfaces was cor-
rected based on the methods described in International standards (ISO 4287 and 
ISO 4288). Seven equidistant profi les were extracted from the waviness - corrected 
surface and the average and standard deviation of the Ra values estimated. A 
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comparison of the profi les of the sample surfaces before and after coating revealed 
that there is marginal deterioration in surface fi nish while coating polymer 
samples. While in the case of metal substrates the surface fi nish of the substrate 
was more or less retained after the coating process (see Figure  21.2  and Table 
 21.4 ). These measurements correlated well with the surface roughness measure-
ments carried out using mechanical contact profi lometry (Surtronic 3+, Rank 
Taylor Hobson Ltd, UK).      

  21.7.2   Adhesive Wear Characteristics 

 A pin - on - wheel test system is used for studying the adhesive wear properties of 
the material combinations. It consists of platform rotating at a constant speed of 
60   rpm and a pin loading arm for provisions for applying a constant load on the 
pin. The wheel diameter is 25   mm on which the pin with 3   mm diameter contact 
area is allowed to traverse in circular motion [Muraleedharan et al.,  1989 ]. The 
test conditions are described in Table  21.5 .   

 Results from the study (see Figure  21.3 ) show that both DLC and TiN coat-
ings improve the wear characteristics substantially. Moreover, the wear tracks on 
the UHMWPE surface is found to be more uniform and with less cracks when 
articulated against coated surfaces than with uncoated metallic surfaces. The 
weight loss from UHMWPE was lowest when DLC - coated pin is used as the 
counter face; but TiN surface generated a smoother worn surface with minimal 
track marks and best surface fi nish (see Figure  21.4 ).   

 UHMWPE wheels used had initial surface fi nish of the order of 0.15    μ m Ra. 
The wear tracks generated by titanium, DLC coating, and TiN coating were 
having surface roughness values of 0.47    μ m Ra, 0.16    μ m Ra, and 0.08    μ m Ra, 
respectively.  

    Figure 21.1.     Energy Dispersive X - ray spectra (EDX) of TiN surface showing peaks correspond-

ing to titanium and nitrogen elements.  
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  21.7.3   Abrasive Wear Characteristics 

 Abrasive wear characteristics of the coatings were studied using a conventional 
sand slurry test apparatus devised in the Institute. A specially fabricated test speci-
men is rotated in a slurry or alumina and water (1   :   1 v/v) at 3000   rpm for six - hour 
duration and the volume of material lost from the surface is used as a measure of 
the abrasive wear characteristics of the material (Muraleedharan et al.,  1989 ). 

 The results indicate that the abrasive wear rates are higher for the coated 
samples [see Figure  21.5 ]. This is probably due to the presence of the interface 

    Figure 21.2.     Surface profi le of coated and uncoated samples (a) UHMWPE (b) DLC coated 

UHMWPE (c) Ti6Al4V (d) TiN Coated Ti6Al4V (e) CP Titanium (f) DLC - coated CP Titanium. Note 

that the surface fi nish of the substrate is reasonably reproduced after the coating.  
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 TABLE 21.4.     Surface Roughness Profi les of Coated and Uncoated Samples 

   Material surface  

   Ra ( μ m)  

   Mean     SD  

  UHMWPE    0.13    0.04  
  DLC coated UHMWPE    0.25    0.05  
  Ti6Al4V    0.07    0.01  
  TiN coated Ti6Al4V    0.08    0.02  
  Cp Titanium    0.06    0.02  
   DLC coated Cp Titanium     0.06     0.01  

 TABLE 21.5.     Pin - on - Wheel Test Conditions 

   Parameter     Unit     Value  

  Relative motion     —     Circular sliding  
  Sliding speed    mm/sec    55    ±    2.5  
  Duration of test    hours    6  
  Contact stress    Kg/cm 2     14    ±    1  
  Lubricant     —     None  
  Temperature     ° C    30    ±    3  
   Initial surface roughness      μ m Ra      < 0.2  

    Figure 21.3.     Pin - on - Wheel adhesive wear test results: weight loss from UHMWPE wheel when 

traversed against (a) Titanium (b) DLC - coated titanium and (c) TiN - coated titanium pins. The 

wear from the UHMWPE is reduced by the introduction of the coating on the counter face.  

between the coating and the substrate. The inter - molecular adhesion between the 
coating material and the substrate will always be lesser than the attractive forces 
between the substrate molecules. This lower coating adhesion when challenged 
by an abrasive material tends to give way and causes erosion or peeling of the 
coating. The adhesion studies were carried out on the coated surfaces to estimate 
the typical force range in which the coating integrity is maintained.    



692 TITANIUM NITRIDE AND DIAMOND LIKE CARBON COATINGS

    Figure 21.4.     Wear surface topography of UHMWPE (initial surface fi nish 0.15    μ m Ra typical) 

against bare metal and coated counter faces: (a) Wear contour plot (b) Wear tracks generated 

by Ti6Al4V pin (c) Wear track generated by TiN coated Ti6Al4V pin (d) Wear track generated 

by DLC - coated Ti pin. The average surface roughness of wear tracks are less when the pin is 

coated. Titanium nitride counter face generates the smoothest wear tracks and hence could 

result in minimum wear debris formation. (See color insert.)  

  21.7.4   Coating Adhesion Studies 

 The coating adhesion studies were carried out using a micro scratch test system 
(Micro — Combi Tester, M/s. CSM Instruments, USA). Scratch testing is a compre-
hensive method of quantifying the adhesion properties of coatings. The technique 
involves generating a controlled scratch with a diamond tip on the sample under 
test. The tip, either a Rockwell C diamond or a sharp metal tip, is drawn across the 
coated surface under either a constant or progressive load. At a certain critical 
load, the coating will start to fail. The critical loads are used to quantify the adhe-
sive properties of different fi lm – substrate combinations. These parameters consti-
tute a unique signature of the coating system under test. 

 The test conditions are chosen to ensure that reproducible scratch maps are 
obtained for the coating under investigation [see Table  21.6 ]. The critical loads are 
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detected precisely by means of an acoustic sensor attached to the indenter holder. 
The same could be cross - checked and verifi ed using the frictional force observed 
on the indenter, sudden changes in the penetration depth profi le as well as with 
the help of optical microscopy, by examining the scratch profi le [see Figure  21.6 ].     

 It is observed that TiN coating on Ti6Al4V has better adhesion properties 
compared to DLC on Cp Titanium [see Table  21.7 ]. But in both cases, the critical 
load (LC1) for the initiation of the fi rst crack was better than 4   N, for a 100    μ m 
diamond indenter and is considered as quite good adhesion for most of the adhe-
sive wear conditions. The lower critical loads for DLC could result in high wear 
during abrasive wear conditions, which corroborates well with the results obtained 
in the sand slurry abrasive wear studies.    

  21.7.5   Microhardness Measurements 

 The microhardness measurements were carried out on the same system used for 
the evaluation of coating adhesion studies (Micro — Combi Tester, M/s. CSM 

    Figure 21.5.     Abrasive wear test results: The average quantity of material removed from the 

test sample during one hour of run in the test system. The results indicate the relatively high 

wear rates for coated samples. This could limit the applications of these coatings in situations 

where abrasive or three body wear mechanisms are more prominent such as in orthopedic 

applications, which may not be a concern in cardiovascular applications where severe abrasive 

wear conditions are not present.  

 TABLE 21.6.     Micro Scratch Test Conditions 

   Parameter     Details  

  Indenter    Rockwell (Diamond) 100    μ m radius  
  Type of test    Linear scratch (progressive)  
  Loading rate    30   N/min  
  Start load    0.05   N  
  End Load    20   N  
  Scratch length    4   mm  
   Scratch speed     6   mm/min  
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Instruiments, USA). A Vickers diamond indenter tip is driven into the material by 
applying a gradually increasing normal load. When the load reaches a preset 
maximum value, the normal load is reduced until partial or complete relaxation 
occurs. The position of the indenter relative to the sample surface is continuously 
monitored with a differential capacitive sensor. For each loading/unloading cycle, 
the applied load value is plotted with respect to the corresponding position of the 
indenter. The resulting load/displacement curves provide information specifi c to 
the mechanical behavior of the material under examination. 

 The measurements were taken on a 3    ×    3 matrix with minimum 250    μ m spatial 
distance between measurements. The maximum loads were chosen very low to 
ensure that depth of the indentation is suffi ciently low compared to the thickness 
of the coating [see Table  21.8 ]. The TiN coating was harder of the two and had 
higher modulus of elasticity [see Table  21.9 ].    

    Figure 21.6.     Coating adhesion studies using micro scratch test system: The Figure represents 

the penetration depth and residual depth as a function of applied load. The coating behaves 

like any ceramic coating on metallic substrates, exhibiting resilience until the fi rst crack (at 

load LC 1    =   12.5   N) is initiated, leading to complete rupture of the coating (at LC 2    =   16.2   N) and 

subsequent total delamination as the load is increased (at LC 3    =   19   N).  
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 TABLE 21.7.     Critical Loads for  T  i  N  and  DLC  Coatings on  CP  Titanium and  T  i 6 A  l 4 V  Substrates 

   Parameter  

   Critical loads (N)  

   TiN coating on Ti6Al4V 
alloy  

   DLC coating on Cp 
titanium  

  First crack initiation (LC1)    10.8    ±    1.4    4.8    ±    0.7  
  First de - lamination (LC2)    13.5    ±    1.5    6.9    ±    1.4  
   Total de - lamination (LC3)     17.6    ±    1.6     9.1    ±    1.0  
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  21.7.6   Simulated Accelerated Durability Studies 

 Artifi cial heart valves were identifi ed as one potential application for DLC and 
TiN - coated materials. One of the primary requirements of artifi cial heart valves is 
durability. This calls for extensive studies on candidate materials for their wear 
properties and fatigue resistance. The adhesive and abrasive wear properties of 
the DLC/TiN - coated materials have been assessed individually and in combina-
tions using pin - on - wheel and sand slurry tests. The functional durability of the 
valves is studied using accelerated durability tests. 

 To test new designs or material combinations at normal heart rates, whether 
in mechanical systems or in animal models for periods over ten years (as required 
by the International standards) is unrealistic. Hence, accelerated durability 
studies are carried out on the valve models. The test system simulates the actual 
working of a valve in a test chamber (Bhuvaneshwar et al.,  1989 ). The unit at the 
institute is a hydraulic system capable of testing fi ve valves simultaneously and 
the cycling rate can be varied between six and twelve times the normal heart rate 
(see Figure  21.7 ). The hydraulic pressures and fl ow rates through the valves can 
be regulated to simulate the physiological conditions in the heart. The rate of 
opening and closing of the valve is accelerated to ten times the normal heart rate 
to obtain meaningful data in a shorter time.   

 The system incorporates a fl uid reservoir containing distilled water which is 
pumped using a magnetically coupled hydraulic pump through a ten - micron fi lter 
to the test chamber. The fi lter is employed to prevent any wear debris or dust 
particles reaching the test chamber. A rotating distributor supplies each test valve 
with the fl uid in the required pressure range in a sequential manner so that each 
valve is opened and closed. The cycling rate is varied by varying the speed of rota-
tion of the distributor, which is driven by a dc motor. The test conditions are listed 
in Table  21.10 .   

 TABLE 21.8.     Micro Hardness Test Conditions 

   Parameter     Details  

  Indenter geometry    Triangular pyramid ( α    =   136    °     ±    0.2    ° )  
  Maximum load    50   mN  
  Loading cycle    100   mN/min loading, 10   s hold, 100   mN/min unloading  
   Measurement type     3    ×    3 matrix with 250    μ m gap between measurements  

 TABLE 21.9.     Micro Hardness and Elastic Modulus of  T  i  N  and  DLC  Coatings 

   Parameters  
   TiN Coating on Ti6Al4V 

Alloy  
   DLC coating on Cp 

Titanium  

  Micro hardness — Vickers (Hv)    3260    ±    600    2450    ±    480  
   Elastic modulus of coating (GPa)     346    ±    55     147    ±    18  
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 Four tilting disc type mechanical valves with different material combinations 
were tested (see Table  21.11 ). TTK Chitra heart valve, which is already in clinical 
use, was chosen as the control device in these studies.  

The valves were removed from the test system at intervals of 40 million cycles 
and are examined for evidence of structural deterioration. The valves are weighed 
accurately in an analytical balance and their weights recorded. The end points in 
this accelerated durability test were when: there is a failure of any of its compo-
nents; excessive wear is noticed and there is a likelihood of failure or; when the 
valve crosses 400 million cycles of operation (Figure  21.8 ).     

 At the end of the test, the valves were examined for signs of wear and other 
structural deterioration. The volume of wear is calculated from the weight loss 
and the density of the material that is wearing out. The wear rates of all the valves 
models were comparable with average rates less than 0.5   microlitres/year of run 
(corresponding to 40 million cycles). The DLC - coated valve showed marginally 
lower wear rates. Especially in the case of valve with DLC - coated UHMWPE, the 
disc edge was very uniform and edge surface fi nish remained extremely good, 
which indicates smooth rotation of the disc in the valve assembly and is a very 
important factor. This smooth rotation of the disc ensures uniform distribution of 
wear in the longer run and can enhance the service life of the valve considerably.   

    Figure 21.7.     Accelerated durability test systems for the evaluation of artifi cial heart valves. 

The set up simulates the loading conditions in the heart and is capable of cycling at up to 12 

times faster than the heart. Five valves can be tested simultaneously using each system.  

 TABLE 21.10.     Accelerated Durability Test Conditions 

   Parameter     Unit     Value  

  Cycling rate    Cycles/min    720    ±    80  
  Valve closing pressure    mm Hg    120    ±    10  
  Average fl ow rate    lpm    3.5    ±    0.5  
  Test fl uid     —     Distilled water   +   Fungal growth inhibitors  
   Test temperature      ° C     37    ±    5  
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  21.8   BIOLOGICAL CHARACTERIZATION 

 The DLC/TiN - coated materials with their bare metal counterpart as controls 
were evaluated for their cytocompatibility, hemocompatibility, and tissue com-
patibility. The biological characterization of the coated surfaces was carried out 
based on the International standard ISO 10993. Subsequently, two series of large 
animal experiments were carried out to assess the  in vivo  hemocompatibility of 
DLC and suitability of use of TiN coating on artifi cial heart valve cages. 

 TABLE 21.11.     Material Combinations Tested in Accelerated Durability Tester 

   Valve model     Cage material     Disc material  
   Sewing ring 

material  

  Control (TTK - Chitra)    Haynes - 25    UHMWPE    Polyester  
  Ti   +   DLC/UHMWPE    Cp Ti   +   DLC coating    UHMWPE    Polyester  
  Ti/UHMWPE   +   DLC    Cp Ti    UHMWPE   +   DLC 

coating  
  Polyester  

  Ti   +   DLC/
UHMWPE   +   DLC  

  Cp Ti   +   DLC Coating    UHMWPE   +   DLC 
coating  

  Polyester  

   Ti   +   TiN/UHMWPE     Ti 6Al 4V   +   TiN coating     UHMWPE     Polyester  

    Figure 21.8.     Accelerated Durability Results — The volume of material loss during the opera-

tion of the valve under accelerated cycling conditions is plotted against the number of cycles. 

The typical volume loss over 380 million cycles (equivalent to ten years life in the patient) is less 

than fi ve microlitres. This very small wear rate is essential to ensure that the valves last the life 

span of the patient. Additionally the complications related to wear debris are minimal in such 

material combinations. (All valves size #27   mm tissue annulus diameter).  
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  21.8.1   Cytotoxicity 

 DLC and TiN - coated surfaces were studied for their Cytotoxicity effects using 
the direct contact, test on extract and agar over lay techniques as per the interna-
tional standard ISO 10993: Part 5. All these coatings passed the test and hence 
could be classifi ed as non - cytotoxic material. 

 Cytocompatibility studies of DLC, TIN on titanium, and UHMWPE were 
carried out with bare Titanium and UHMWPE, respectively, as controls. L - 929 
mouse fi broblast cells, osteoblast cells and endothelial cells were used for DLC -
 coated samples, while L - 929 mouse fi broblast cells were used for TiN samples. 
Both qualitative and quantitative analysis indicates that DLC - coated Ti showed 
improved cytocompatibility (Kumari et al.,  2002 ). 

 For better endothelialisation, cells should attach, adhere, spread and prolifer-
ate to give a confl uent monolayer. The studies indicated that initial number of 
cells attached and area of spreading of cells are signifi cantly increased on DLC 
and TiN coated samples compared to the corresponding uncoated surfaces. Adhe-
sion pattern of thickly populated endothelial cells on DLC makes it suitable for 
vascular application.  

  21.8.2   Hemocompatbility 

 The blood compatibility of DLC and TiN coatings was assessed using a number of 
 in vitro  tests using human blood collected from healthy individual voluntary 
donors. The tests were chosen from the guidelines given in the standard ISO 
10993: Part 4. The hemocompatbility assessment studies included estimation of 
consumption of blood components during exposure to whole blood, effect of the 
materials on the activation of coagulation factors and effect of the material on the 
complement activation characteristics. 

 The samples are exposed to whole blood for 30 minutes under agitation using 
an environmental shaker thermo stabilized at 35    ° C    ±    2    ° C. The count of various 
formed elements of blood before and after the study were compared to arrive at 
the blood cell consumption profi les (Krishnan et al.,  2002 ). 

 The platelet consumption showed a marginal reduction in the coated samples 
compared to the bare metal surfaces (see Figure  21.9 ). Quantifi cation of platelet 
adhesion using radio labeled platelets confi rmed this. The WBC consumption was 
more or less unaffected by the presence of the coating (see Figure  21.10 ).   

 The coated surfaces also had lower levels of adsorption of high molecular 
weight proteins, correlating with the lower platelet adhesion on the coated 
surfaces. High molecular weight proteins may consist of adhesive proteins that 
can mediate cell adhesion and thrombus formation. No signifi cant platelet 
function abnormality was induced due to the material contact; however, the mild 
activation of platelets seems to have induced a change in plasma coagulation. 
The observed effect of the materials on plasma proteins on exposure of platelet -
 poor plasma has shown no signifi cant clotting abnormality (Krishna Prasad 
et al.,  2006 ). 
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 Hemolysis estimation of the coated and uncoated materials established their 
non - hemolytic nature. The studies on the effect of material on the complement 
activation have shown that there is no marked difference between the coated and 
uncoated samples. In general, the DLC and TiN coatings provide surfaces that are 
less thrombogenic without compromising the coagulation and complement acti-
vation properties.  

  21.8.3   Tissue Compatibility 

 The assessment of tissue compatibility included studies related to systemic toxic-
ity, sensitization, intracutaneous reactivity, and chronic toxicity studies involving 
intramuscular implantation. All these were carried out using ISO 10993 series 

    Figure 21.9.     Platelet Consumption when exposed to whole blood for 30 minute duration. 

Lower platelet consumption indicates that less number of platelets are activated by exposure 

to the material surface and hence less is the chance of thrombus formation.  
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standards. Both the coated and uncoated materials passed the systemic toxicity, 
sensitization, and intracutaneous reactivity. 

 Intramuscular implantation was carried out for studying the effects under 
various time periods. Skeletal muscle around the coated and uncoated implants 
was grossly normal at all time periods. There was no evidence of necrosis or 
infl ammation in any specimen. Good healing pattern was observed around both 
coated and uncoated samples. The light microscopic observations of the various 
parameters established that the tissue response around both coated and uncoated 
implants were similar to each other and showed evidence of repair at all time 
periods. There was no evidence of chronic infl ammation in any specimen 
(Mohanty et al.,  2002 ).  

  21.8.4   Large Animal Experiments 

 Two series of large animal experiments were conducted with the DLC and TiN -
 coated materials. The animal experiments were carried out in sheep with the 
authorization of the Institute ’ s Animal Ethics Committee and the concerned 
national agency regulating experiments in animals. The international guiding 
principles for biomedical research involving animals of the Council for the Inter-
national Organisation of Medical Sciences (CIOMOS) were adhered to during 
the animal experiments (Howard,  1985 ). 

 The fi rst series was aimed at studying the blood compatibility characteristics 
of DLC coatings. Circular shaped buttons were implanted in the  inferior vena 
cava  (IVC) of sheep. The response to DLC - coated commercially - pure titanium 
(CP Ti   +   DLC) as the test material was compared against to that of commercially -
 pure titanium (CP Ti) as control. The buttons are harvested after two hours of 
implantation and the area of thrombus formed on the surface is assessed. The 
location of the control and test samples were interposed every experiment to 
eliminate the effect of implantation site on the results. 

 Microphotographs (20X) of the explanted samples scanned and digitized to 
assess the area of the thrombus on the samples using stereo zoom microscope 
(Nikon Corporation, Japan) and digital microscopy documentation system (DC 
120, Kodak Corporation, USA). From these images, the area of the thrombus was 
estimated using image processing techniques (see Figure  21.11 ). The area of 
thrombus averaged over a set of six experiments was found to be marginally more 
on the bare CP titanium surface over the DLC - coated surface, but the differences 
were not statistically signifi cant. The thrombus area estimation was validated 
using radio labeling technique.   

 The second series of large animal experiments were carried out as part of 
qualifi cation of TiN coating on Ti6Al4V alloy for use in artifi cial heart valves. 
Sheep were chosen as the model based on the previous experience in heart valve 
evaluation (Bhuvaneshwar et al.,  1996 ). Adult sheep in the weight range 35 to 
50   Kg have heart size suitable for implantation of #23   mm size heart valve. Surgery 
was carried out under general anesthesia through a left thorocotomy in the fourth 
intercostals space. Cardiopulmonary bypass was established and the animal 
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cooled to 30    ° C    ±    2    ° C. The heart was arrested using electrical fi brillation. The 
native mitral valve was excised and the artifi cial valve is implanted using 12 to 16 
interrupted mattress sutures. Heart was closed and animal warmed back to 38    ° C 
before terminating the CPB. Post - operatively, the animals were administered 
with anti - platelet drugs during the fi rst two weeks for reducing platelet aggrega-
tion and deposition. No anti - coagulants were given during the post - operative 
period. 

 A total of 15 animals were implanted with ten test valves and fi ve control 
valves. Test valves were made of Ti6Al4V cage coated with TiN, UHMWPE disc 
and polyester sewing ring. The TTK - Chitra heart valve incorporating Haynes - 25 
alloy cage, UHMW - PE disc and polyester sewing ring was chosen as the control 
valve. Animals were sacrifi ced at predefi ned time periods (Four test valves and 
two control valves after three months of implantation and similar number of 
valves at six months of implantation) to assess the healing around the valve and 
for carrying out detailed histopathological analysis. 

 The explant analysis of the valves showed that the tissue in growth into the 
valve orifi ce area was much less in the case of TiN coated model (see Figure 
 21.12 ). Other than this, both test and control valves healed very well and were 
found to be well integrated to the anatomical site. There were no structural dys-
function or other valve related complications in any of the animals.   

 The results from these studies correlate well with the literature on tissue, 
blood, and cytocompatibility of TiN and DLC coatings reported by different 
investigators. The good blood compatibility of DLC coating is attributed to its 
hydrophobicity and ability to take an excellent surface fi nish, resulting in a high 
albumin deposition compared to fi brinogen deposition (Tsyganov et al.,  2004 ; 
Sweitzer et al.,  2006 ; Huang et al.,  2003 ). In the case of titanium nitride coatings, it 
is postulated that the signifi cantly lower interface tension between titanium oxide 

    Figure 21.11.     Thrombus deposits on the material surfaces during the  in vivo  blood compat-

ibility experiments. The coated surface is seen to have marginally lower areas of thrombus 

deposits. (See color insert.)  
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and nitride fi lms and plasma proteins and the semi - conducting nature of these 
fi lms give them their improved hemocompatibility (Jones et al.,  2000 ).   

  21.9   POTENTIAL APPLICATIONS 

 Very good blood and biocompatibility coupled with resistance to wear and inher-
ent stability make DLC and TiN ideal materials for a wide range of cardiovascu-
lar applications. Artifi cial heart valves, bearings for blood pumps, left ventricular 
assist devices, and catheters are potential areas of application (Boguslawski et al., 
 2001 ). DLC - coated UHMWPE could be an excellent material for use as a bearing 
in rotating cardiovascular appliances like centrifugal blood pumps, cell separa-
tors, implantable cardiovascular pumps, and so on. Another area that is likely to 

    Figure 21.12.     Valve explanted after six months of implantation (Mitral position — Infl ow 

view). Very good tissue healing around the valve sewing ring, with minimal tissue overgrowth 

can be observed in the case of TiN - coated valve cage, compared to uncoated Haynes 25 cage.   

Animal ID: 11189
Valve ID: P4 05530
Duration of implant: 181 Days

Animal ID: 10376
Valve ID: N04 23–06
Duration of implant: 199 Days



ACKNOWLEDGMENTS 703

benefi t most from such coatings is the intravascular device segment, where 
the primary requirement for the coating is to mask the metallic surfaces from 
coming directly in contact with blood and surrounding tissues, thereby minimiz-
ing the release of metallic ions into the surroundings (Muraleedharan and 
Bhuvaneshwar,  2006 ). 

 DLC and TiN coatings with their excellent friction and wear properties make 
them ideal candidates for articulating orthopedic implantations. The reduction in 
friction and wear leads to formation of less debris. There can be a substantial 
improvement over the current metallic biomaterials as one of the most promi-
nent failure modes of articulating orthopedic implants is aseptic loosening due to 
continuous infl ammation caused by wear debris. The debris formed as a conse-
quence of the wear results in tissue infl ammation, osteolysis, and fi nally loosening 
of the implants. In prosthetic joints, the coating material should be hard and inert 
enough to prevent the wear out and corrosion. (Allen Mathew et al.,  2001 ). 

 Diamond - like carbon coatings have been investigated for dental implant 
applications (Olborska et al.,  1994 ). It was observed that DLC layers showed sig-
nifi cant integration with the surrounding bone tissues. DLC coating might offer a 
solution for infections caused by indwelling urinary tract catheters. Researchers 
at three institutions are conducting experiments with very thin coatings of carbon 
applied to urinary catheters that may help alleviate patients ’  discomfort and 
infection risk.  

  21.10   FUTURE PERSPECTIVE 

 The DLC and TiN coatings are new entrants in the cardiovascular biomaterial 
segment. Initial indications based on  in vitro  and animal experiments are very 
encouraging, but use for specifi c applications will have to be validated, Especially 
in the case of intravascular device segment, the main challenge is to ensure good 
coating adhesion even under moderate plastic deformation of the substrate. This 
will help many balloon mountable devices like vascular stents to be coated with 
TiN and DLC. Another challenge will be to impart specifi c functionalities on the 
surfaces to help loading of drugs for enhancing healing and incorporation.  
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