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A Historical Perspective on the Development
of Biomedical Materials

There have been enormous strides in the development of novel biomedical materials
over the past three decades. A biomedical material (also known as a biomaterial)
is a polymer, metal, ceramic, or natural material that provides structure and/or
function to an implantable medical device. In one generation, a large number of
biodegradable polymers, bioactive ceramics, and wear-resistant metal alloys have
made their way from research laboratories into widely-used medical devices. This
heavy flurry of recent progress by materials scientists has partially overshadowed
the efforts of surgeons, who previously led research efforts to develop biomedical
materials. Until the 1960’s, surgeons were at the forefront of efforts to find new
materials for use in medical prostheses. Surgeons were driven by their clinical duties
to improve the treatment of those suffering from congenital malformations, trauma,
or disease. These surgeon-scientists attempted to alleviate patient suffering using
“off-the-shelf” materials, which were developed for nonmedical applications. This
brief historical perspective describes some initial efforts to develop novel biomedi-
cal materials.

Bronze or copper have been used for thousands of years to repair fractured bones.
However, use of bronze or copper was limited due to copper accumulation in the
eyes, liver, brain, and other body tissues. Two developments in the late nineteenth
century accelerated the use of synthetic materials in the human body. The develop-
ment of the X-ray revealed that conventional external treatments were insufficient
and stimulated the development of internal fixation procedures. In addition, broad
acceptance of Lister’s antiseptic procedures allowed for internal treatment of medi-
cal conditions with minimal risk of infection. Lister himself used antiseptic proce-
dure to successfully suture fractured patellae with silver wire in 1885. Themistocles
Gluck described replacement of both the acetabulum (pelvis) and femur (hip bone)
using carved ivory at the 10th International Medical Congress in 1890; however,
bone resorption and concomitant infection eventually caused these prostheses to
fail. Neither acceptable materials nor designs were available at the time to fabricate
medical devices.

Surgeons made several advances in biomedical materials development in the
early- to mid- twentieth century. At the turn of the century, many European surgeons
were experimenting with celluloid, rubber, magnesium, zinc, and other materials. In
1924, A. A. Zierold described an animal study on the interaction between bone
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and several metals, including aluminum, aluminum alloy, copper, low carbon steel,
cobalt-chromium alloy, gold, iron, lead, magnesium, nickel, silver, and zinc. X-ray
and histological sections of canine bone-material interface revealed that gold, silver,
stellite, lead, and aluminum were encapsulated by tissue and were well-tolerated by
the animals. Venable, Stuck, and Beach demonstrated the electrolysis of implanted
biomedical materials in a 1937 study. They placed aluminum, brass, carbon, cobalt-
chromium alloy, copper, galvanized iron, gold, lead, magnesium, nickel, silver,
stainless steel, vanadium steel, and zinc in bones of experimental animals. Their bio-
chemical, radiographic and clinical findings demonstrated that ion transfer between
different metals in the body occurred in accordance with electromotive force. Their
work also demonstrated that cobalt-chromium alloy was essentially nonelectrolytic;
this material has remained a mainstay medical alloy to the present day.

The orthopedic surgeon Sir John Charnley, made several significant advances in
the field of biomedical materials, including (a) the introduction of the metal-ultra
high molecular weight polyethylene bearing couple; (b) the use of poly (methyl
methacrylate) for fixation; (c) the reduction of postoperative sepsis due to the use of
laminar flow air-handling systems and prophylactic antibiotics; and (d) the place-
ment of antibiotics in bone cement. In the 1950’s, Charnley discovered that natural
joints exhibit boundary lubrication. He then attempted to find a synthetic material
with similarly low frictional properties. His first choice for an acetabular cup ma-
terial, polytetrafluoroethylene, demonstrated poor wear properties. Unfortunately,
this issue only became evident after a large clinical trial involving polytetrafluo-
roethylene implants had begun. More than three hundred polytetrafluoroethylene
implant surgeries had to be revised due to poor wear properties, necrosis, and im-
plant loosening. Charnley’s laboratory assistant subsequently examined ultra high
molecular weight polyethylene, which had found use in mechanical looms. Charn-
ley noted that: (a) polyethylene had better wear characteristics than polytetrafluo-
roethylene; and (b) polyethylene was capable of being lubricated by synovial fluid.
The use of novel materials and surgical procedures revolutionized the practice of
joint replacement surgery and raised the success rate of this procedure to an ex-
ceptionally high level (>90%). Charnley’s total hip replacement is considered the
gold standard for joint replacement; few changes have been made to this pros-
thesis design in the past forty years. However, the Charnley prosthesis does have
several disadvantages. One is an unacceptable rate of wear (about 200 μm/year).
Metallic and, more commonly, polymeric wear particles cause a severe foreign-
body reaction in the tissues that surround the prosthesis, which can lead to implant
loosening.

The modern field of biomedical materials science owes a great deal to these pi-
oneering individuals, who utilized existing knowledge at the interface of materials
science and biology in order to improve the quality of life for others. In a similar
manner, current-day biomedical materials researchers who work on porous coatings,
bulk metallic glasses, artificial tissues, and nanostructured biomedical materials are
utilizing modern concepts at the interface of materials science and biology in order
to further knowledge in this rapidly developing area.
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The goal of this book is to address several core topics in biomedical materials,
including the fundamental properties of the materials used in medicine and den-
tistry; the interaction between materials and living tissues; leading applications of
polymers, metals, and ceramics in medicine; and novel developments in biomedical
materials. Homework problems and other material for each chapter can be found
at the website http://springer.com/978-0-387-84871-6. We hope that this work will
spur productive discussions and interactions among the many groups involved in
the development and use of biomedical materials, including biomedical materials
researchers, biologists, medical device manufacturers, and medical professionals.
Finally, we would like to thank Elaine Tham, Lauren Danahy, and the staff at
Springer Science+Business for making this book possible.

Chapel Hill, North Carolina Roger Narayan
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Chapter 1
Ceramics and Glasses

Irene G. Turner

1.1 Introduction

Ceramics are renowned for their excellent wear properties, good resistance to
degradation in corrosive environments, high modulus and hardness values and high
melting points. Equally well known are their poor thermal and electrical conductiv-
ities and their reputation for being notch sensitive with low values of fracture tough-
ness. Historically, as a consequence of low impact and tensile strengths combined
with inherent brittleness, their use was limited. However, more recently, advances
in manufacturing technology have meant that a group of what can be termed high
performance engineering ceramics have emerged that can be used for a wide range
of applications. Their high melting point has led to their use in engines and turbines
at elevated temperatures. As a consequence of their improved toughness, they have
been incorporated in the design of body armour. Their excellent wear resistance,
high compressive strength properties, pleasing aesthetic appearance and proven bio-
compatibility have led to the development of a specific range of what are referred to
bioceramics which are now used extensively in many different areas of medicine to
augment or replace parts of the body. Alumina and zirconia are used to manufacture
components of hip joint replacements; hydroxyapatite (HA) and glass ceramics are
used as coatings on prosthetic stems; calcium phosphate based materials are used as
porous scaffolds, spinal implants and bone grafts; composites of HA combined with
a polymer are used to manufacture replacements for the bones of the inner ear –
these are only a few examples of the wide range of applications of ceramics in med-
ical engineering.

This chapter is divided into two sections. The first defines ceramics, glasses and
glass ceramics in terms of their structure, processing and properties. The differ-
ent manufacturing routes involved in pressureless sintering, cold and hot isostatic
pressing, tape casting and liquid phase sintering are outlined. Production methods
for porous ceramics using burnt out polymer spheres (BurPS), foamed slips and
reticulated foams are described, as are the surface engineering techniques of ion
implantation and thermal spray coating. The effect of processing method and poros-
ity on the mechanical properties of ceramics are also considered. Following a brief
section on the structure and properties of bone, specific categories of bioceramics
are then introduced. These include dense forms of alumina and zirconia for weight
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4 I.G. Turner

bearing, articulating joint replacement components, porous forms of calcium phos-
phate based ceramics for replacement and repair of natural bone, HA coatings for
prosthetic stems and bioactive glasses for dental and surgical use.

1.2 What Is a Ceramic?

The term ceramic comes from the Greek word keramos which literally means ‘burnt
stuff’ alluding to the fact that the raw materials must be fired by heating to an ele-
vated temperature in order to form a material with a useful range of engineering
properties. Ceramics are generally composed of two or more metallic and non-
metallic elements resulting in more complex crystal structures than in, for example,
metals. The nature of the atomic bonding in ceramics varies from primarily ionic
(strong, primary bonding between oppositely charged ions) to primarily covalent
(strong, primary bonds formed by sharing of electrons) with many ceramics having
a combination of the two types of bond. The strength of the bonds imparts the char-
acteristic properties of high hardness, and thermal and electrical resistance to the
ceramics [1, 2].

Ceramics, which are predominantly ionic in nature, combine a metal and a non-
metal with dissimilar electrical charges. The anions often form a regular three
dimensional array in space providing interstitial sites into which the cations will
have to fit to result in the correct coordination. The arrangement of the ions in the
unit cell must satisfy ionic radius ratio requirements and ensure the proper charge
balance is maintained. A good example of this is alumina, Al2O3, in which the oxy-
gen ions (O2–) form a close packed hexagonal (c.p.h.) arrangement which has one
octahedral and two tetrahedral holes per atom as shown in Fig. 1.1a. The Al ions
(Al3+) occupy the octahedral sites such that each is surrounded by six O2– ions. In
order to balance the charges overall, the Al3+ions must only fill two thirds of the
sites, leaving one third of the sites vacant.

Zr4+

O2–

Al3+

a b

O2–

Fig. 1.1 (a) Hexagonal alumina, Al2O3 (b) Cubic Zirconia, ZrO2
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In contrast, zirconia, ZrO2, can be described as a face centered cubic (f.c.c.)
arrangement of zirconium with the O2– ions occupying the tetrahedral sites, of which
there are two for each atom in the f.c.c. structure (Fig. 1.1b). In both cases the elec-
trostatic attraction between the unlike charges on the ions ensures that the ions pack
densely together in a regular pattern, resulting in strong ionic bonding throughout
the structure.

Ceramics which are predominantly covalent can be single elements, for example,
diamond, C, or can be a combination of two non-metallic elements, for example, sil-
ica, SiO2. Covalent bonding differs from ionic bonding in that adjacent atoms share
electrons which results in a fixed number of strong directional bonds throughout the
structure. In some cases this can result in the formation of extended chains, sheets
or three dimensional networks. Ceramics can therefore exist in the form of single
crystals, regular polycrystalline solids or irregularly arranged amorphous materials.
They are a diverse group of materials whose biological response and mechanical
properties such as strength and toughness will vary with phase composition and
grain size.

1.3 Ceramic Processing

In order to process high performance engineering ceramics it is necessary to produce
a powder. In the case of alumina, the starting point is bauxite, a naturally occurring
form of hydrated aluminum oxide which can be found in various parts of the world.
The bauxite is mined, crushed and purified, followed by heating to 1150 ◦C, the
temperature at which it decomposes to form alumina:

2Al(OH)3 = Al2O3 + 3H2O.

The alumina is then milled and sieved to produce a high purity, fine starting
powder (<1 μm particle size) which can then be processed in a number of different
ways.

1.4 Powder Processing

The high melting point of ceramics means that, unlike most metals and polymers,
they cannot easily be heated to their melting temperature to facilitate processing –
alternative routes have had to be developed. The processing of powders to form solid
products necessarily involves the packing together of fine powders, their consolida-
tion and heating to form bonds. This process of diffusion and bonding is referred to
as solid state sintering. Fine powders will have a large surface area and therefore a
large surface energy associated with them. This energy can act as a driver for the
sintering process.
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a b

c

Fig. 1.2 (a) Powder particles compacted together (b) Particles beginning to bond together (c) Fully
sintered ceramic

The process of sintering takes place in thee identifiable stages as shown in
Fig. 1.2. In the first stage the powder is compacted; the particles are in contact
with one another but are not physically bonded in any way (Fig. 1.2a). The com-
pacted powder is heated to a temperature which is generally about 2/3 of Tm, the
melting point. At this stage ‘necks’ begin to form between the particles, bonding
them together (Fig. 1.2b). The small contact areas between the particles expand,
and at the same time the density of the compact increases and the total void volume
decreases. Small diameter particles will have a high surface area and a high surface
free energy. The high surface free energy of the particles is the driving force for the
sintering process. Therefore, there is a strong thermodynamic drive to decrease the
surface area by bonding particles together. As the number of bonds grow, the surface
area, and thus energy, is reduced. In the final stage (Fig. 1.2c) individual particles
can no longer be seen – they are fully bonded together leaving residual porosity in
the form of closed off pores which are of sufficiently small diameter so as not to
have a detrimental effect on the mechanical properties of the final material.

The original powder particle size will control the final pore size and distribu-
tion: the smaller the particle size the smaller the pores and the better the mechanical
properties will be. As the powder is sintered, the grains will grow such that the
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final grain size will often exceed the initial powder particle size. Ideally, to opti-
mize strength, the powder needs to be densified quickly to allow minimal grain
growth. For dense ceramics the strength is a function of the grain size. Finer grain
size materials will have smaller flaws at the grain boundaries and thus be stronger
than ceramics with larger grain sizes. The relationship between grain size, Dg, and
strength, σ 0, is defined by the Hall-Petch equation:

σ0 = σs + BD−1/2
g

where σs is the yield strength of a single crystal and B is a constant.
The sintering mechanism is controlled by diffusion at the grain boundaries. A

combination of rapid grain boundary diffusion with slower lattice diffusion allows
the atoms to diffuse towards the pores. Vacancies tend to flow away from the sur-
face of the sharply curved neck; this is the equivalent of flow of material towards
the neck which grows as the void shrinks. The flow is always from a source to a
sink. The source can be the sharply curved neck; the sink can be a grain boundary, a
dislocation or the surface of the particle. Vacancies can follow different paths result-
ing in different diffusion mechanisms. The path can be through the lattice, along the
surface, along the grain boundaries or via dislocations resulting in volume, surface,
grain boundary or pipe diffusion respectively. The flow of vacancies to any of the
sinks is equivalent to the flow of material in the opposite direction. Although one
mechanism will usually dominate, the rate of sintering will depend on the sum of
all the available mechanisms. The rate of densification is given by

dρ/dt = C/an exp(−Q/RT )

where ρ is the density, a is the particle size, C and n are constants, Q is the activation
energy for sintering, R is the gas constant and T the absolute temperature. Q is
usually the activation energy for grain boundary diffusion and n typically has a value
of about 3. As sintering progresses, the dominant mechanism will change with the
increase in particle radius [3].

As the powder sinters and permanent bonds are formed between the particles, the
mechanical properties change significantly as indicated in Fig. 1.3 – the stiffness,
strength and density all increase. When processing powders, the shape and parti-
cle size distribution will affect the packing and thus the mechanical properties; for
example, if a single particle size is used, the initial void space could be as high as
30%. Thus a range of particle sizes are desirable to maximize the packing density
and uniformity whilst minimizing shrinkage and porosity.

1.5 Deformation and Fracture

Ceramics, when they fail, tend to do so in a dramatic manner. As has been dis-
cussed earlier, a characteristic of ceramics is their high strength ionic bonds which
have to be broken in order for the material to fail. The brittle nature of ceramics
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is therefore attributed to this strong bonding in that it is not possible for plastic
deformation to occur in a ceramic prior to failure as slip cannot occur. Conse-
quently, if a crack is initiated, its progress will not be hindered by the deforma-
tion of material ahead of the crack as would be the case in a ductile material such
as a metal. The crack will continue to propagate, rapidly resulting in catastrophic
failure.

In a ceramic, therefore, the presence of a crack can concentrate the applied stress,
reducing its ability to withstand tensile forces. This effect can be explained using the
Griffith crack theory. The actual stress that will act on the crack tip when a tensile
stress σ is applied is given by the equation

σactual
∼= 2σ

√
a

r

where a is the length of the crack and r the radius at the crack tip.
From this equation it can be seen that a long crack with a high value for a, or a

thin crack with a large value for r will result in a high concentration of stress at the
crack tip. Unless there is something present in the structure to impede the growth and
progression of the crack, as the length of the crack increases the stress concentration
will also increase. As a consequence, ceramics tend to have low fracture toughness
values.

The response to an applied stress is an elastic strain which can be related to the
modulus of elasticity, E, of the material. When this strain energy is released, the
total overall energy will be reduced as the crack propagates. However as the crack
grows, two new surfaces are produced which will have energy associated with their
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surfaces. The critical stress required to propagate a crack is given by the Griffith
equation:

σcri tical =
√

2Eγ

πa

where a, is the length of the crack and γ is the surface energy per unit area.
So, as before, it can be seen that even small flaws can have a profound influence

on the strength properties of a ceramic. The effect will be significantly reduced if
a compressive load is applied, in which case the crack will be closed up. Therefore
ceramics generally have much better compressive properties than tensile properties.
Also, if the crack length is less than the critical length, the crack will not propagate,
however high the stress is at the tip [4]. Hence the relevance of critical flaw size
when considering the structure and mechanical properties of ceramics.

1.6 Transformation Toughening

Transformation toughening is a mechanism that can be used to improve the tough-
ness properties of some ceramics, zirconia being a good example. Zirconia can exist
in three different phases – monoclinic, tetragonal and cubic – depending on the
temperature and environment. The transformation temperatures are 900–1170 ◦C
for monoclinic to tetragonal and 2370 ◦C for tetragonal to cubic. The transforma-
tion from tetragonal to monoclinic is associated with an increase in the volume of
the lattice cell of 3–5%. Consequently, when cooling from sintering temperature, a
pure zirconia block can crack due to the significant expansion in volume.

However, in the 1970s, it was realized that the phase transformations and their
associated volume increase could be used to advantage to improve both the tough-
ness and strength of zirconia by controlling the transformation process in the stress
field ahead of the crack tip, as shown in Fig. 1.4. The volume expansion associated
with the transformation from the tetragonal to monoclinic phase acts on the crack
in such a way as to reduce its potential to propagate. The metastable tetragonal par-
ticles transform into the more stable monoclinic phase, at the same time helping
to close the crack by shielding of the crack by the compressive stresses associated
with the transformed particles as illustrated in Fig. 1.4b. The crack energy is effec-
tively absorbed, thus arresting further crack growth and toughening the material.
The toughness has been found to increase in proportion to the quantity of tetragonal
particles retained in the structure [4–6].

Carefully controlled processing is the key to the success of the transformation
toughening process. If zirconia is heat treated for too long the toughening effect is
reduced as the tetragonal particles become too coarse. If the particles are too large
the metastability of the tetragonal phase is reduced, the tetragonal particles become
stable, and as a consequence the transformation and toughening effects disappear.
By utilizing homogeneous starting powders, keeping the sintering temperature to
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below 1400 ◦C and maintaining the grain size below 0.7 μm, tough, strong ceramics
with excellent mechanical properties can be produced.

Orthopaedic grade zirconia has a complex chemistry with small quantities of
stabilizing agents, 5.2 wt%Y2O3, 2 wt% HfO2 and 0.5 wt% Al2O3 added to stabilize
the phases. More than 95% of the zirconia is in the metastable tetragonal phase, the
remainder being either cubic or monoclinic zirconia. The grain size is kept below
0.5 μm to ensure the tetragonal phase remains stable in physiological conditions
[7, 8].

The operation of this mechanism is not confined to zirconia itself but can be
utilized in other types of ceramic. Small particles of partially stabilized zirconia can
be dispersed within the matrix of, for example, alumina where the same beneficial
effect of arresting crack growth can be observed.

1.7 Pressureless Sintering

In the majority of cases the ceramic powder will be processed by simply pressing
in a die to form an initial compacted shape as shown in Fig. 1.5. At this stage the
starting powder may have been mixed with a binder to impart strength in the early
stages of processing to enable it to be handled in what is referred to as the ‘green
state’ before sintering. In addition, blending may be used to alloy the powders, lubri-
cants may be added to reduce friction between particles, binders can be added and
sintering aids may be introduced to help densification. Significant shrinkage will
occur on firing as the particles coalesce but controlling the powder size distribution
can maximize the packing density and minimize dimensional changes.

1.8 Isostatic Pressing

Cold isostatic pressing is a method applied to ‘green’ compacts to achieve a
more uniform compaction prior to sintering. Powder is placed in a flexible mould
made from neoprene, polyurethane or polyvinyl chloride. This is then placed in a
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chamber and subjected to a uniform hydrostatic pressure, usually with water, as
shown in Fig. 1.6. This results in more even compaction of the powder. Hot isostatic
pressing (HIP) is the simultaneous application of pressure and temperature to the
powder as illustrated in Fig. 1.7. The components are placed in a furnace which
is in turn placed in a pressure vessel. The sintering times are reduced significantly
as the pressure adds to the surface energy driving force; the resultant components
have both high densities and small grain sizes as the reduction in sintering time
restricts the opportunity for grain growth. Hot isostatic pressing is more expensive
than cold but gives a better quality product with superior mechanical properties.
Often components can be produced with such precision that no further finishing
processes are necessary [8].

1.9 Liquid Phase Sintering

An alternative way to increase the density of a ceramic is to use liquid phase sin-
tering. This involves the addition of small quantities of a selected compound to the
starting powder that will form a low-melting glass phase which will flow between
the powder particles during firing, filling the pore spaces. On cooling, the liq-
uid glass phase solidifies to form a glassy matrix bonding the unmelted particles
together. The presence of the liquid phase allows both pore and particle mobility
prompting densification. As little as 1% of the glass phase can be present but as it
distributes itself along the grain boundaries, it reduces the high temperature strength
of the ceramic [3, 9].
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1.10 Tape Casting

A route that is used successfully for producing high volumes of thin, flexible
ceramic sheets in the ‘green’ state is tape casting. A concentrated slurry contain-
ing deflocculated powders with a high concentration of binders and plasticizers is
prepared. A tape is then produced by allowing this slurry to flow beneath a blade,
forming a film on a moving carrier substrate; the tape is then dried. Alternatively, the
slurry can be poured onto a flat surface and a blade moved over the surface to form
a thin film. The dried tape or film, which remains flexible with a smooth surface,
can be removed from the substrate and sectioned [6, 10].

1.11 Costs of Powder Processing

Generally speaking, the costs associated with producing powder processed products
are significantly higher than those associated with the more traditional manufactur-
ing methods of casting or forming as applied to other classes of material. However,
there is much less wastage associated with the powder processes in that the overall
material losses are less than 5%. This compares with a 10–30% loss for precision
casting, 30–50% for die forging and up to 85% for machining. The predominant cost
in powder processing is the initial capital costs; thereafter the processing costs are
lower than other manufacturing routes where the running costs dominate. Powder
processing can be efficient and economic. It can be easier to handle powders than,
for example, molten metals and the resultant components can be of high quality with
controlled microstructures and optimized mechanical properties [9].

1.12 Porous Ceramics

Controlled levels of porosity can be engineered into ceramics as part of the man-
ufacturing process. Porous forms of ceramics can be produced using a variety of
methods: these include the burn out of polymer spheres – known as BurPS, foamed
slip techniques, and the use of reticulated foams.

1.12.1 BurPS

Controlled large scale porosity can be introduced into polymers using the BurPS
technique [11]. An organic filler of an appropriate size is combined with the ceramic
powder. The ‘green’ bodies are usually fired at around 500 ◦C to burn out the poly-
meric material before sintering at an elevated temperature in excess of 1200 ◦C. The
organic particles are burnt out to leave closed pores throughout the sintered ceramic
body. Various types of polymer materials have been used for this purpose, including
polyvinyl butadiene, naphthalene and polyethylene glycol. The resulting porosity
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Fig. 1.8 Scanning electron
micrograph of porous
hydroxyapatite

is often spherical – reflecting the original morphology of the polymer powders –
and isolated, i.e., not interconnected, as shown in Fig. 1.8, an example of porous
hydroxyapatite manufactured using BurPS.

1.12.2 Foamed Slips

Porous forms of ceramic can be produced using foamed slip techniques. Ceramic
slips can be foamed in a number of ways which include bubbling air through the
slip or the use of high speed rotating blades or whisks to introduce air into the slip.
Stabilising agents such as agar or polymer based materials may be added to the slip
to enable it to be handled in the ‘green’ state and set whilst maintaining the porous
structure. A porous green body can be produced by casting the foamed slip and
allowing it to dry before firing. On sintering the organic stabilizing agents are burnt
off to leave a porous ceramic structure [12]. It has been possible to produce ceramics
with interconnected porosity using stabilized foam slip methods.

1.12.3 Reticulated Foams

Polymeric foam substrates can also be used to produce porous ceramic materials
[13, 14]. The foam is either impregnated or coated with the ceramic slip and allowed
to dry prior to firing. During the firing process the polymer substrate is burnt out
and the ceramic sintered to give a crystalline structure with interconnected porosity.
The density of the ceramic and the size, shape and distribution of the porosity will
depend on the method used. Open porous structures with a porosity of up to 70% can
be produced by making a positive image of the foam. The slip can be coated onto the
foam struts and, on firing, the foam is burnt out to leave an open porous structure,
which is a positive image of the porous foam, as seen in Fig. 1.9a. Alternatively,
the foam can be completely impregnated such that all the space available is filled
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Fig. 1.9 (a) Open porous HA structure (b) Dense HA ceramic with interconnected porosity

with slip. On firing, a negative image of the foam will be produced as shown in
Fig. 1.9b. This material has approximately 5–10% porosity. By tailoring the starting
foam, samples with different porosity size and distribution can be manufactured [15,
16]. As before, the porosity will be interconnected throughout the ceramic body,
replicating the structure of the foam that has been burnt out.

1.13 Measurement of Porosity in Porous Ceramics

There are a number of established ways to measure porosity in terms of its size
and distribution in porous ceramic materials. Following sintering, the pores in a
ceramic can be either isolated (closed porosity) or interconnected (open porosity)
throughout the body of the ceramic. The accuracy of the measurements will depend
on the nature of the porosity and whether it is connected or isolated.

Total porosity can be measured using gravimetric methods where

∏
= 1 − ρsca f f old

ρmaterial

where Π is the total porosity, ρscaffold is the density of the scaffold found by dividing
the weight by the volume of the scaffold, and ρmaterial is the density of the material
from which the scaffold is made.

Mercury porosimetry is a very accurate method for measuring both porosity and
pore size and distribution. Mercury is forced under pressure into the porous structure.
This technique will obviously measure the accessible porosity, i.e., that which is open
and available for mercury intrusion. The level of open porosity, π, is given by

π = Vintrusion/Vscaffold

where Vintrusion is the total intrusion volume of mercury, and Vscaffold is the volume of
the scaffold.
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The closed porosity, which will not be accessible to the mercury, is equal to the
difference between the two values, II– π.

Open porosity can also be calculated using a liquid displacement method to give
a value for the apparent porosity which is a measure of the total volume of the open
pores in a porous body. This gives a measure of the interconnectivity and thus of the
potential for fluid ingress or in the case of bioceramic materials, the bone ingrowth,
into the material. Apparent porosity is calculated as below:

Apparent porosity = Ww − W d

Ww − W s
× 100

where Wd is the dry weight of the ceramic, Ws is the weight of the ceramic sus-
pended in water, and Ww is the weight of the ceramic after removal from the water.

B, the bulk density, is given by

B = W d

Ww − W s

The true porosity is given by

True porosity = ρ − B

ρ

where ρ is the true density of the material.
For a porous ceramic, the fraction of closed pores can then be calculated by

subtracting the apparent porosity from the true porosity [4].
Scanning electron microscopy combined with image analysis software can also

be used to estimate porosity size and distribution although it must be borne in mind
that this technique uses two dimensional images of three dimensional features.

More recently, technological advances have meant that porosity size and distribu-
tion can be measured using the techniques of microcomputed tomography (micro-
CT) imaging and analysis. Data collected from isotropic slices of three dimensional
porous ceramic scaffolds can be processed to generate three dimensional images
yielding quantitative information on the scaffold morphologies.

1.14 Surface Engineering

Surface engineering processes can be used successfully to either modify existing
surfaces or to apply coatings. Their use is extensive across a range of materials and
will be dealt with in a separate chapter. However the processes relevant to ceramics
will be reviewed in this section. Coatings can be applied for a diversity of reasons. In
the field of bioceramics they can be applied to increase hardness, improve wear and
corrosion resistance or to increase biocompatibility and promote osseointegration
of a ceramic component. One technique that has been used successfully to increase
the wear resistance of the bearing surface of hip joint replacements has been the ion
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implantation of nitride into the surface of titanium. Another widely use technique is
the application of thermally sprayed HA coatings onto metallic prosthetic stems to
promote bone ingrowth into the surface of cementless components.

1.14.1 Ion Implantation

Ion implantation is a low temperature process in which ions penetrate the surface
of the component to modify rather than coat it. In titanium implants, nitrogen ions
penetrate approximately 0.1 μm below the surface without causing any distortion.
Consequently there will be no measurable dimensional changes to the component.
The mechanism is such that implanted ions are scattered beneath the surface of
the substrate. Either they become trapped in dislocations and other defects pinning
them down or they form metastable nitrides which decompose to give martensitic
hardening. The result is that compressive forces are generated on the surface which
improve both fatigue and corrosion resistance. Interestingly, the enhanced properties
are retained to depths of up to 100 times more than the original implanted depth. The
mechanism by which this occurs is not fully understood but it has been suggested
that the nitrogen ions diffuse ahead of the wear front. The process is expensive
and can account for 10–30% of the original cost of the component but a potential
increase of several hundred times in the ‘in-service’ life of titanium alloys for pros-
thetic use has been reported.

1.14.2 Thermal Spray Coatings

Hydroxyapatite is used in the form of a coating to encourage direct apposition with
bone to enhance the early fixation of cementless stems in total joint replacement.
The coatings can be applied to the substrates using a variety of processes but com-
mercially the usual route is via a thermal spray process which can take one of several
forms – air plasma spraying (APS), vacuum plasma spraying (VPS), high velocity
oxyfuel spraying (HVOF) or detonation spraying (DGUN). The first three of these
processes involves heating the hydroxyapatite powder in an induced plasma of ion-
ized gases and accelerating the partially melted particles towards a metal substrate
where they impact and freeze to form the coating [17, 18]. Thermally sprayed coat-
ings have a characteristic layered structure which is illustrated in Fig. 1.10. Indi-
vidual powder particles assume splat shapes on the substrate oriented parallel to the
substrate surface producing high levels of anisotropy and leaving isolated pores. The
result is a coating with a porosity that varies from 2% to 20%, which contains both
amorphous and crystalline phases. Small particles have a tendency to melt rapidly
and evaporate. Large particles may only partially melt leaving an amorphous splat
with a crystalline core. The original particle size and morphology, the plasma gas
mixture, working distance, dwell time of the particles, and substrate temperature
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Fig. 1.10 Schematic diagram showing a cross-section through a thermally sprayed coating

will all influence the final structure of the ceramic coating. They must therefore be
carefully controlled to optimise the performance of the coating in vivo.

Vacuum plasma spraying is carried out in an argon atmosphere at a temperature
of >10,000 ◦C, as illustrated in Fig. 1.11. The dwell time is a fraction of a second
and the substrate temperature typically 300 ◦C. The starting powders for the process
are angular with a diameter of approximately 100 μ as shown in Fig. 1.12a. They
have been calcined and crushed. X-ray diffraction analysis shows that they are 80%
crystalline in nature prior to spraying. The resultant coatings have a crystallinity of
60%, a porosity of 6%, and are in the order of 40 μm in thickness [19].

By way of contrast, DGUN spraying is carried out in an oxygen and acetylene
atmosphere; it involves an explosive spark discharge at temperatures in excess of
3,000 ◦C and particle speeds of 600 m/s. The coatings produced have a high density
and superior adherence to the substrate. The initial starting powders are shown in

Fig. 1.11 Schematic diagram
showing the vacuum plasma
spraying technique
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Fig. 1.12 (a) SEM micrograph showing the angular VPS HA spray powder (b) SEM micrograph
showing DGUN HA spray powder

Fig. 1.12b. They have been produced by freeze drying and are characteristically
spherical in shape. They have a crystallinity of 80% prior to spraying; this is reduced
to 34% after spraying and the coatings typically have a porosity of 1.5% and a
thickness of 70 μm [19].

There is much debate in the literature with regard to the ideal morphology of
hydroxyapatite coating. Different phases are known to have different solubilities in
the body and therefore different dissolution behavior. Amorphous HA is known to be
more soluble in aqueous solutions than crystalline HA. The biological performance
of the coating system will depend on a number of factors – the size and distribution
of the porosity, microcrack formation, residual stresses, the oxide content and the
amorphous: crystalline ratio.

1.15 Glasses and Glass-Ceramics

1.15.1 Glasses

Ceramics can also exist in an amorphous or glassy state; a typical example is silica
which can exist in both crystalline and amorphous forms. The relationship between
the liquid, crystalline and glassy states is shown in Fig. 1.13. A glass is a mate-
rial that has solidified and become rigid without forming crystals. It is sometimes
referred to as a supercooled liquid. All materials have a specific melting or freez-
ing point, Tm. From Fig. 1.13 it can be seen that as the liquid cools from an ele-
vated temperature to Tm there is a linear relationship between volume contraction
and temperature. If the material is cooled slowly, on reaching Tm, where the liquid
forms a solid, there is a significant contraction in volume indicating that the material
has organized itself internally to form a regular crystalline structure which occupies
less space than the disorganized liquid structure. In contrast, if the liquid is cooled
rapidly, there is no time for this reorganization to take place. In this situation, on
reaching Tm, the slope of the curve remains the same, indicating that there has been
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no change in the structure, until a point Tg is reached. Tg is the glass transition tem-
perature of the material, where the glass is deemed to have formed a solid. At Tg,
there is a change in the slope but no sudden marked drop in volume as observed with
the cooling curve for the crystalline material. Unlike the melting or freezing point,
Tg is not a well defined temperature and depends on the cooling rate. The faster the
cooling rate, the higher the measured value for Tg. Between Tm and Tg the material
is described as being a supercooled liquid. Below Tg, the material is solid and in a
what is termed a glassy or amorphous state which is very similar, structurally, to the
liquid state [1, 2].

Glasses can be described as having a metastable structure which, with time, will
very slowly change to a crystalline state. They are also referred to as vitreous solids
and if they do transform to crystalline materials, they are said to be devitrified.
However, at room temperature this process is infinitely slow and would take thou-
sands of years. Raising the temperature of the glass increases the molecular mobility
within the structure and devitrification can then take place at a faster rate. If there
are foreign particles present they will enhance the devitrification process by acting
as nucleation sites for crystallization. This can be a disadvantage during the pro-
duction of glass as the strength may then be reduced and the glass may become
opaque. However it is a useful attribute when manufacturing glass-ceramics as will
be described in detail in a later section.

Glassy structures can be formed by joining together ionic groups to form a solid,
non-crystalline structure with an open framework. A common example is silica glass
which is made up of silica tetrahedra joined together in a relatively random arrange-
ment to form a continuous network with short range order as shown in Fig. 1.14a.
Pure silica has a high melting point and is therefore difficult to fabricate due to its
high viscosity. Adding soda lime, Na2O, to silica reduces its viscosity significantly,
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making it easier and cheaper to process. A structural feature of silica is the open
nature of the network which can accommodate atoms of different species. In, for
example, soda-silica glass, up to 15% Na2O is added as a network modifier. The
effect is shown in Fig. 1.14b. If sodium is added to pure silica the continuity of
the network is disrupted. In pure silica each oxygen atom is bonded to two silicon
atoms. The valency of silicon is four (Si4+) whereas that of sodium is one (Na1+).
Therefore, when sodium is added to silica, in order to maintain electrical neutrality
in the structure each silicon atom must be replaced by four sodium atoms. As a con-
sequence of adding the sodium, the network is disrupted and some oxygen atoms
are only bonded to one silicon atom and become ‘non-bridging’. Sodium is therefore
described as a network modifier. The effects are beneficial in terms of processing as
the result of adding the sodium is that the viscosity is markedly reduced. However
there is a limit to the extent to which the network can be modified, as above a cer-
tain level there will be so much disruption to the network and so many non-bridging
oxygens present, that the network structure will no longer be able to form and the
glass will crystallize [1].

Alternatives to adding network modifiers to open up the network structure exist
in that glass can be modified by the addition of network or glass formers. As the
name suggests, these encourage network formation and control crystallization in
the glass to give a type of material which is described as being a glass-ceramic.

1.15.2 Glass-Ceramics

Glass ceramics can be defined as materials that start off as a glass and are processed
in a two step operation to become devitrified forming fine-grained polycrystalline
materials. In the first step the glass is heat treated to a temperature in the range 500–
700 ◦C. The objective is to produce a significantly large number of well dispersed
nuclei from which crystals can subsequently grow to form the fine grained struc-
ture. A nucleating agent, such as titanium dioxide, is commonly added to induce the
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crystallization process. Once the nuclei have been formed, crystal growth is pro-
moted by raising the temperature to 600–900 ◦C where the crystal growth rate is at
a maximum, as shown in Fig. 1.15. Crystals grow from the large number of nuclei;
the greater the number of nuclei present originally, the finer the crystal structure
will be in the resulting glass-ceramic. Some 1012–1015 nuclei per cubic centime-
ter may be used to produce the very small fine-grained crystals desired. Nucleation
is complete when all the small crystals, which have grown with a random orien-
tation, impinge on one another forming a fine-grained, pore free, solid, crystalline
structure. The grain size range would typically be 0.1–1.0 μm with at least 90%
crystalline material present. Glass-ceramics, like glass, have negligible porosity and
mechanical properties that are intermediate between those of a glass and those of
engineering ceramics such as alumina and zirconia [2, 4].

The advantages of glass ceramics include a low coefficient of expansion – giv-
ing good resistance to thermal shock – combined with relatively high mechani-
cal strength properties and thermal conductivity. They can be either transparent or
opaque and produced using conventional glass-forming processes which enables
mass production. Commercially the first glass-ceramics were manufactured under
common trade names such as Pyrex which contains ∼15% B2O3 as a glass former.
Such additives have been used to produce oven-to-table ware and laboratory glass-
ware due to their superior thermal shock resistance and high thermal conductivity.
Subsequently they have been adapted for applications which include electric insula-
tors, substrates for printed circuit boards, cladding, ceramic hobs and more recently
in the field of medical materials as bioactive implants.

1.15.3 Bioceramics

Many different types of bioceramic have been developed to replace hard tissues in
the human body. This can be for repair or replacement necessary as a consequence
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of disease, trauma or the effects of the ageing process. Alternatively, as in the case of
coatings, they can be used as a means of promoting bone ingrowth and direct bone
apposition at the prosthetic interface. Consequently there are many different types of
bioceramic currently in clinical use in a diversity of applications and devices. This
next section will begin with a short review of bone as a material, before considering
the range of ceramic materials that are currently employed as bone replacement
materials.

1.15.4 Bone

Bone is a complex material that comprises an inorganic component, hydroxya-
patite, Ca10(PO4)6OH2, combined with an organic matrix of collagen. The min-
eral accounts for almost two thirds of the weight of bone and occupies 40% of
the volume.

Bone has several levels of structural organization. On the macroscale there are
two forms of bone – compact and cancellous. Compact bone has the appearance of
a solid continuous mass in which the structural elements can only be seen with the
aid of a microscope. Cancellous, also known as trabecular or spongy bone, is a three
dimensional network of bony spicules which combine to give an overall ‘spongy’
appearance. In a typical long bone, the shaft consists of a thick layer of compact
bone, the ends of which are primarily trabecular bone covered in a thin layer of
compact bone. The relative quantities of each type of bone and the architecture vary
characteristically for each bone in a manner which reflects its overall shape, position
and functional role [20].

On a microstructural level bone consists mainly of a number of irregular cylin-
drical units known as Haversian systems or osteons which run parallel to the long
axis of the bone. A scanning electron micrograph of a polished transverse section
is shown in Fig. 1.16a. It can be seen that each system has a central canal which
is surrounded by concentric lamellae of bony tissue. The number of lamellae vary
from 4 to 20. The central cavity contains one or two blood vessels and is 15–20 μm
in diameter. The outer limits of each Haversian system are demarcated by cement
lines which appear as bands approximately 1 μm in width. The overall diameter of
an Haversian system varies between 100 and 200 μm. Other distinguishing features
are the irregular shaped sections between the Haversian systems known as intersti-
tial areas and the circumferential lamellae which extend uninterrupted around the
inner an outer surfaces of bone. The longitudinally oriented Haversian systems are
connected with the free surface of the long bone and one another along transverse
channels known as Volkmann’s canals as seen in the longitudinal section shown in
Fig. 1.16b. Within the lamellae surrounding the Haversian canal there are a number
of small lenticular shaped pores known as lacunae, each of which is filled with
a bone cell or osteocyte. These lacunae are approximately 10 μm in length and
are connected to one another by small radiating channels ∼0.2 μm in diameter.
These small canalicular processes provide an interconnecting system of channels
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a b

Fig. 1.16 (a) SEM of polished transverse section of compact bone (b) SEM of longitudinal section
through compact bone demonstrating interconnectivity of channels

throughout the bone necessary for the circulation of nutrients and removal of waste
products. Hence any porous ceramic material which is to act as a scaffold for bone
ingrowth must allow for this very specific geometry.

The mineral component in bone has long been recognized as being closely related
crystallographically to the group of mineral apatites. The unit cell of hydroxyapatite
is hexagonal with dimensions of a = 9.42 Å and c = 6.88 Å. Bone mineral has been
identified as a non-stoichiometric, poorly crystallized, highly defective form of min-
eral apatite, Ca10(PO4)6OH2 which contains small quantities of cations and complex
anion groups such as Ca2+, PO4

3–, and CO3
2–, in addition to even smaller quantities

of Mg2+, Fe2+, F–,Cl–, Na+, and K+. In some cases this is perceived as being advan-
tageous, for example the substitution of OH by F results in a contraction along the
direction of the a axis, which reduces the solubility and strengthens the structure
such that teeth become more resistant to caries. Biological apatites therefore differ
from naturally occurring mineral apatite in terms of their composition and crys-
tallinity and, as a consequence, their mechanical properties. Substitutions of one
type of atom or ion for another are common but must occur in an orderly fashion so
that overall electrical neutrality is maintained.

Mechanically, bone is an interesting material with a unique combination of prop-
erties. It can be regarded as a composite material on a number of levels. The main
components are the bone mineral which accounts for in excess of 60 wt%, the
organic collagen which accounts for over 25 wt% and liquids which make up the
balance. Table 1.1 compares the weight and volume contributions of each of these
main components in bone. Both the collagen and the bone mineral form contin-
uous networks throughout bone and as such can be isolated as seen in Fig. 1.17.
The organic component can be removed by heat treatment to leave the mineral in
the form of a continuous network throughout the osteon, as seen in Fig. 1.17a. Simi-
larly, the continuous organic network around the central canal of the osteon is shown
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Table 1.1 Relative weight and volume
percentages of the main constituents
in bone

constituent weight % volume %

mineral 61.2 38–42
collagen 26.6 38–42
liquid 12 20–24

a b

Fig. 1.17 (a) SEM of the mineral component isolated in an osteon (b) SEM of the organic compo-
nent within the lamellar structure of an osteon

in Fig. 1.17b where the mineral has been chemically removed. Combining the rela-
tively brittle mineral with the flexible collagen results in a composite material that
has a modulus of elasticity in the order of 17–20 GPa, a tensile strength of 120–
150 MPa and compressive strength of 100–160 MPa. In addition, bone can have a
strain to failure value of up to 4% depending on the rate of application of load.
Finding a successful bone replacement material that can in any way match these
properties therefore presents an interesting challenge.

1.15.5 Medical Ceramics

Clinically, ceramics are currently used in a variety of forms for a diversity of appli-
cations. Dense zirconia and alumina ceramics are used as both femoral head and
acetabular cup components in total hip joint replacements where they both articu-
late and load bear. Porous forms of calcium phosphate based ceramics are used pri-
marily in non-load bearing positions in reconstructive or bone replacement surgery.
They can be in the form of small blocks or granules of varying composition with
a range of mechanical properties. Bioglass ceramics are also used for a variety of
non-loadbearing applications. Hydroxyapatite is used as a bioactive coating on pros-
thetic stems to promote ingrowth in cementless fixation. It can also be combined
with a polymer to give a composite material used commercially to produce cochlear
implants.
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Ceramics that are used for implant purposes can be classified according to the
response they elicit in the body [21]. Accordingly, they can be described as being
nearly inert, resorbable or bioactive. The last of these classifications is further
divided into osteoconductive or osteoinductive materials. In nearly inert materi-
als there is no chemical or biological bond at the interface between the implant
material and the host tissue; there is relative movement and there can be develop-
ment of a fibrous capsule around the implant both in soft and hard tissues. Exam-
ples include alumina and zirconia hip components. Resorbable implant materials are
designed to resorb over a period of time and be replaced by natural tissue without
the development of a fibrous capsule and with no adverse biological response to the
resorbing material; examples include bone graft substitute materials, typically based
on calcium phosphate. Bioactive implants are designed to be intermediate between
resorbable and nearly inert. They will elicit a specific biological response at the
interface between the implant and the surrounding tissues promoting the formation
of a physical bond. Bioactive glasses and glass-ceramics for dental and orthopedic
applications fall into this category. Osteoconductive implants have the ability to pro-
mote the growth of new bone from adjacent bone tissue onto the material’s surface.
The implant acts as a stable scaffold onto which the tissue can grow and can often
provide some additional stimulus to promote this growth. Osteoinductive implants
have the ability to initiate and promote the growth of new bone without the need for
intimate contact with the bone.

1.15.6 Biomedical Use of Bioceramics

Ceramics with their known low wear rates could be seen as having distinct advan-
tages in load bearing orthopedic applications. However, historically, there have been
difficulties with components failing due to poor quality of materials, suboptimal
design and surgical technique. The reasons for these early failures are now fully
understood and as a consequence improvements in both materials properties and
processing have been introduced. These, combined with the use of modular cups
and improved surgical experience, have resolved the problems initially associated
with the early failures The two ceramic materials most widely used in solid form for
implant purposes are alumina and zirconia [21–27].

1.15.7 Alumina

Alumina, Al2O3,or aluminum oxide, also known as corundum, can take several com-
mon forms. The substitution of small quantities of chromium or iron in the crystal
structure results in the gemstones ruby and sapphire respectively. As is characteris-
tic of ceramics, alumina is well known for its good electrical and thermal insulation
properties combined with high temperature chemical stability. As such it has been
used in a diversity of areas including cutting tools, acid resistant valves, crucibles
and space shuttle tiles – as well as for medical applications.
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Alumina was first introduced for medical use in 1969 and since this time over 200
million alumina heads and 300,000 acetabular cup liners have been used in total hip
joint replacement (THR) operations. Medical grade alumina has since gone through
almost four decades of evolution. Originally there were incidences of failure related
to implant design, fixation problems and materials issues. During the 1970 s the fail-
ure rate was as high as 10%. The quality of the material had not been optimized for
implant purposes and as a consequence both variable grain size and residual poros-
ity were sources of weakness. By eliminating flaws that could act as crack initiation
sites and refining the grain size and distribution, the properties of the materials were
significantly improved. Process changes, included the introduction of hot isostatic
pressing which resulted in a lower porosity, higher density material. In addition,
the HIPing process resulted in a significant reduction in the grain size of the alu-
mina as the shorter dwell time meant that grain growth during the sintering cycle
was reduced. This finer grain size and uniform grain size distribution resulted in
improved materials properties and therefore more reliable alumina components.

The introduction of laser engraving, surface polishing, and 100% proof stressing
have also had an impact on implant reliability. Non-destructive testing has now been
incorporated as part of the final inspection process for alumina components. As part
of this process the finished components are subjected to high levels of stress in
excess of those which they are expected to experience in vivo. In this way, any
components that contain flaws above the critical size for crack propagation will
fail by fracturing. Thus any components likely to fail are removed, eliminating the
risk of failure in vivo. Coupled with design improvements incorporating modular
systems, all these improvements have resulted in a more reliable components with
a predicted failure rate of 4 in 100,000 or 0.004%.

Medical grade alumina is a single phase material comprising alpha-alumina or
corundum. It is a chemically pure material with less than 0.1% grain boundary
impurities (Table 1.2) and must comply with ISO 64749 and ASTM F 60310 spec-
ified minimum chemical, mechanical and physical properties for the material. The
cooling cycle after sintering is carefully controlled to avoid excess formation of a
glassy phase at the grain boundaries. Alumina is thermodynamically stable up to a

Table 1.2 A comparison of the main properties of alumina and zirconia

Property Alumina Zirconia

Chemical composition 99.9% Al2O3, MgO doping 97% ZrO2, 3%Y2O3

Density ≥ 3.97 g/cm3 ≥ 6.08 g/cm3

Porosity 0.1% 0.1%
Bending strength 500 MPa 500–1000 MPa
Compression strength 4100 MPA 2000 MPa
Young’s modulus 380 GPa 210 GPa
Poisson’s ratio 0.23 0.3
Coeff. thermal expansion 8 × 10–6K–1 11 × 10–6K–1

Thermal conductivity 30 W/mK 2 W/mK
Hardness > 2000 HV 1200 HV
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temperature of 2000 ◦C. It is a hard material, 1900 Hv (second only to diamond)
that can be highly polished (surface roughness, Ra, 0.01). It has extremely good
wear properties with reported wear rates, when tested in a simulator, of less than
0.1 mm3/106 cycles in vitro and 1–5 mm3/year in vivo. Table 1.3 shows its aver-
age wear rate in comparison to other combinations of orthopedic bearing materials.
Simulator studies have shown that the amount of wear debris produced by ceramic
couples is in the order of ten times less than that for metal:metal couples under in
vitro hip joint simulation [27]. The debris produced in vivo is well tolerated by the
body with a relatively benign tissue response.

In 1988, the FDA designated alumina femoral bearings as Class II and as such
they are required, mechanically, to comply with minimum strength criteria which
include a minimum average burst strength of 46 kN when axially loaded on a hip
stem trunion. This is approximately 60 times the average body weight and four times
the breaking strength of healthy human femur. In addition, the components must be
able to endure 107 cycles under a maximum sinusoidal compressive load of 14 kN –
approximately 18.5 times the average body weight. This far exceeds the test require-
ments for metallic stems which have a specified fatigue load of 3.3–4.9 kN or six
times the average human body weight.

Despite the improvements that have been made and the standards that have been
specified, some inherent limitations remain with the use of alumina:alumina bear-
ings. The properties of alumina are such that it can successfully be combined with
titanium or stainless steel femoral stems but it is not sufficiently strong to pass the
FDA strength requirements for use with cobalt chrome stems. Also, the size of heads
available is restricted to the 28–36 mm range, precluding its use where a smaller
diameter head may be required.

Alumina has also been used successfully to make artificial teeth for implantation.
The reported success rate is 90% after 5 years. Different tissue responses have been
observed in relation to the alumina implants – both connective tissue and mineral-
ized bone have been found depending on the relative motion between the implant
and the surrounding tissues.

Table 1.3 Relative wear
rates of different bearing
combinations

Combination Wear rate/annum in microns

CoCr/HDPE 20–200
metal/metal <10
Al2O3/HDPE <10
Al2O3/Al2O3 <1

1.15.8 Zirconia

Zirconia femoral heads were first implanted in 1985; since then, over 300,000 sur-
gical implantations have been recorded. The chemistry of zirconia is more complex
than alumina. Zirconia can exist in three different phases – monoclinic, tetragonal
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and cubic – depending on the temperature and environment. The monoclinic phase
transforms to a tetragonal crystal structure at 900–1220 ◦C. If the temperature is
increased further, the tetragonal phase then transforms to cubic at 2370 ◦C. There is
a 3–5% volume increase associated with the tetragonal to monoclinic transforma-
tion. As a result of this expansion in volume, as pure zirconia cools down from its
sintering temperature it can be prone to cracking.

However, the existence of this phase transformation and the associated volume
increase can be used to advantage to improve both the toughness and strength of
zirconia. Orthopaedic grade zirconia contains small quantities of stabilizing agents,
5.2 wt% Y2O3, 2 wt% HfO2, and 0.5 wt% Al2O3 added to stabilize the phases, thus
avoiding the cracking associated with the expansion in volume. More than 95% of
the zirconia is in the metastable tetragonal phase; the remainder is either cubic or
monoclinic zirconia. The grain size is kept below 0.5 μm to ensure the tetragonal
phase remains stable in physiological conditions. Wear rates reported for zirconia
on polyethylene in a joint simulator are in the order of 10.9 mm3/106 cycles. This
compares well with the 15.7 mm3/106 cycles reported for cobalt chrome heads artic-
ulating against polyethylene in comparable circumstances.

A concern with the use of zirconia as a bearing material is the possibility of trans-
formation aging – a spontaneous transformation from the tetragonal to the mono-
clinic phase – which has been observed on the surface of ceramic femoral heads.
The indications are that this transformation can take place in the presence of aque-
ous fluids in the temperature range 65–500 ◦C. The rate at which the aging occurs
will be affected by the grain size, the composition of the zirconia and the stabilizer
content. It is suggested the optimum grain size should be 0.3–0.6 μm to retard this
aging. The consensus seems to be that the transformations observed do not have a
significant effect on the strength and wear properties of the heads but they remain a
concern.

Overall, zirconia is a tougher and more fracture resistant material than alumina.
It also has the advantage that it can be used to produce small diameter heads down
to 22 mm and it is suitable for any type of spigot material – titanium, stainless
steel and cobalt chrome. The relative properties of the two ceramics are compared
in Table 1.2.

1.15.9 Hydroxyapatite

Hydroxyapatite can be produced in both dense and porous forms for implant pur-
poses. Dense hydroxyapatite products can been manufactured by one of two powder
processing routes. The first is cold pressing followed by sintering, the second hot
pressing where heat and temperature are applied simultaneously. The final product
typically has a pore volume of <5%, a pore size of <1 μm. Uses of such material
include the filling of bony defects following dental or craniofacial surgery.

Porous forms of hydroxyapatite are currently generating much interest as
potential bone replacement materials, where they can be used for augmentation,
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replacement and repair of diseased or damaged bone. The size range and distribu-
tion of porosity throughout a solid are crucial to its success as an implant material.
The porosity can be defined on two levels – macroporosity which relates to pores
having a diameter of >100 μm and microporosity which relates to pores with a
diameter of <5 μm.

The biological response of tissues to the scale and distribution of the porosity
has been the subject of several studies. It is now known that the tissue type and
rate of ingrowth are affected by the nature of the porosity. A porous surface can
offer two possibilities with respect to fixation mechanisms. In the first instance a
rough or porous surface can offer the opportunity for mechanical interlocking at the
interface. In this a way a physical connection between the implant and the adjacent
bone may be formed, enhancing stability at the interface. Alternatively a material
with porosity distributed throughout its mass offers the potential for bone or tissue
ingrowth. In some cases the porous bioceramic may act as a scaffold, resorbing
as the new bone is formed, ultimately resulting in its complete replacement with
new bone.

Studies have shown that the minimum pore size needed to ensure that mineral-
ized bone is regenerated is in the order of 100 μm. Pores less than 10 μm in diameter
have been shown to inhibit the ingrowth of cells; pore sizes of 10–75 μm encourage
fibrovascular ingrowth; pore sizes of 75–100 μm result in ingrowth of unmineral-
ized osteoid tissue; pore sizes of greater than 150 μm facilitate the ingrowth of sub-
stantial quantities of mineralized bone. It is now widely recognized that a pore size
of 150–300 μm is appropriate to allow bone ingrowth as this relates directly to the
bone architecture, and in particular the dimensions of the Haversian systems with
an average diameter of 100–200 μm as seen in Fig. 1.15. In addition to the pore size
and distribution, the degree of interconnectivity of the pores has also been shown
to have a strong influence on the biological response – maximum interconnectivity
promotes ingrowth as there are no ‘blind alleys’ to prevent tissue ingress [28].

1.15.10 Porous Bioceramics

A range of porous ceramics are commercially available for surgical use. There
are two main types – those made from coral or animal bone and those pro-
duced synthetically based on hydroxyapatite, tri-calcium phosphate or combinations
of the two.

Converting coral for use as a bone graft material was first proposed over 20 years
ago [29]. Coralline bone graft is derived from marine corals as the name suggests
and is commercially produced under the tradename Pro OsteonTM. Essentially, the
production process involves converting the calcium carbonate skeleton of the marine
coral to hydroxyapatite via a hydrothermal exchange reaction using heat, water, and
a source of phosphate ions. The original interconnected porosity of the coral is pre-
served and the final product can be tailored to have optimal pore diameters for bone
ingrowth. Typical pore sizes in the final product are 200–500 μm with an overall
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porosity of 50–65%. In contrast to this, the commercial product EndoBon is sourced
from bovine bone which has been heated to a temperature of >1200 ◦C. The organic
component is burnt off to leave a material which comprises hydroxyapatite. As it is
derived from cancellous bone, it has an open porous structure of an appropriate size
for new bone ingrowth and can be produced in a variety of geometries. However,
concerns over the use of these two sources of material exist. For the coralline mate-
rials there are obvious environmental concerns, whilst for the bovine based product
general concerns remain over the use of xenografts.

The ideal bone graft material is an autograft from a donor site in the patient as the
risk of transmitted infection is minimized. However, there are problems associated

(a) 1100°C (b) 1150°C

(c) 1200°C (d) 1250°C

(e) 1300°C (f) 1400°C

Fig. 1.18 SEM micrographs of porous hydroxyapatite sintered in air for 4 h



32 I.G. Turner

with the harvesting of autograft in that the donor site can remain painful for an
extended period and there are obvious limits to the supply. The alternative is to use
allograft – donated from other patients or sourced from cadavers. Allograft is treated
and then stored frozen or freezedried. It has the advantage of being osteogenic but
the risks of disease transmission remain and, again, it is in limited supply.

As a consequence, much research has focused on the development of a range
of synthetic materials that can be used as bone replacement materials. These are
porous ceramics, primarily based on hydroxyapatite, tri-calcium phosphate or com-
binations of the two. Their success has been attributed to the ability to control both
pore size and shape and pore interconnectivity as these are crucial for ingrowth.
By tailoring the composition of the bioceramic, the rate of resorption can also be
controlled. The sintering temperature is important in this respect as phase trans-
formations can occur at specified temperatures. Calcium deficient HA sintered at
800–900 ◦C begins to form β-TCP as densification occurs. At 1180 ◦C this trans-
forms to α-TCP; above 1300 ◦C α-TCP decomposes into tetracalcium phosphate.
Figure 1.18 shows the effect that sintering temperature has on the growth of grains
in hydroxyapatite sintered over a range of temperatures.

There is some evidence that biphasic ceramics comprising HA and TCP have cer-
tain advantages over pure HA or pure TCP ceramics. HA is mechanically stronger
than TCP and has a much lower solubility in bodily fluids – up to 20 times lower
than TCP. However the combination of the two means that the superior mechanical
stability of the HA can be combined with the greater bioactivity of the TCP. The
result is a biologically active material with good mechanical properties. Bioceram-
ics can be successfully produced in many different densities and geometries. Some
examples are shown in Fig. 1.19a – dense blocks that can be machined to shape and
smaller granules for impaction grafting [16]. Figure 1.19b shows the more porous
structure that replicates the cancellous bone architecture [15].

Until recently, because of their relatively poor mechanical properties, porous bio-
ceramics have been limited to use in non-load bearing applications. However, tech-
nological advances mean that stronger ceramics can now be produced so this will
no longer be such a constraint in the future.

a b

Fig. 1.19 (a) Different sized blocks and granules of dense HA ceramic (b) Open porous HA
ceramic
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Fig. 1.20 (a) Sintered ceramic with two different porosity distributions (b) SEM of the interface
of HA ceramic produced by joining together two different porosity foams to make a functional
gradient material

1.16 Functional Gradient Materials

As has been seen in an earlier section, bone has a complex architecture with several
levels of structural organization. In many ways it can be regarded as a functional
gradient material in that on every level its structure varies to reflect the functional
role of each constituent. Long bones such as, for example, the femur, have a func-
tional gradient in terms of the relative distribution of compact and cancellous bone.
The central region primarily comprises a cylinder of compact bone. This changes
as the load bearing ends of the bone are approached where the bulk of the bone
becomes cancellous, covered only in a thin layer of compact bone. There is there-
fore an interest in trying to replicate functional gradient materials to match more
closely the structure of natural bone.

One approach has been to join together different porosity foams by sewing or
press fitting. These have then been impregnated with slip and the foams burnt out (as
described in the reticulated foam section earlier) to leave a porosity gradient within
the porous ceramic structure as shown in Fig. 1.20a. Microscopical examination
indicates that there is no discontinuity at the interface where the two foams have
been joined as shown in Fig. 1.20b. Such combinations of material have potential
for development as structures that more closely mimic the architecture of bone [16].

1.17 Bone Morphogenetic Proteins

Bone morphogenetic proteins (BMPs) occur naturally in bone where they have the
ability to promote natural bone formation and healing. A family of bone morpho-
genetic proteins have been identified that can be extracted from demineralized bone
matrix and processed for use as bone forming agents. A recent development has
been the incorporation of BMPs in an appropriate carrier which is then implanted
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in a defect site to stimulate repair. The carrier will obviously have an important
role to play in future developments in this area. Ideally the carrier should be bio-
compatible and biodegradable and be absorbed without inducing any adverse tissue
response. In addition, it must provide a scaffold for tissue growth and as such needs
to be amenable to shaping to fill the void space accurately. Finally it must resorb
at a controlled rate to allow sustained release of the BMP in vivo. Several types of
carrier have been used experimentally as delivery systems, including HA, TCP and
coral [29]. While challenges remain, BMP devices incorporating a range of bioce-
ramic carriers can be seen as having significant potential as bone graft substitutes
in the future.

1.18 Hydroxyapatite Coatings

Hydroxyapatite is used extensively as a coating material on prosthetic hip stems to
promote early fixation in cementless devices. Some examples of commercial coat-
ings are shown in Fig. 1.21. They are usually applied to the proximal section of the
stem which in some cases has been fabricated to provide a mechanical interlock of
the stem with the femur. Different manufacturers’ designs include the incorporation

a b

Fig. 1.21 (a) HA coated hip stems (b) HA coating of stems proximally
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of grooves on the stem as in Fig. 1.21a; others have a fishscale geometry on the
surface as seen in Fig. 1.21b.

Hydroxyapatite, in many different forms, has been reported to encourage direct
apposition with bone. The early bone bonding properties of HA arise from its dis-
solution behavior. It is proposed that hydroxyapatite dissolves releasing calcium
and phosphorus ions into the surrounding system. These can then be reprecipi-
tated as new natural bone. Different hydroxyapatite phases have different solubilities
in vivo –HA being up to 20 times less soluble than TCP. Amorphous HA has much
greater solubility than crystalline HA. Therefore in terms of the behavior of coatings
in vivo, the original morphology and composition will have a profound affect.

There is much debate about the ideal morphology of HA coatings. The original
powder particle size and shape will influence the final structure of the coating. Max-
imum adhesion between impacting particles and the coating can only be achieved
if the particles are completely molten and can flow into the substrate surface. How-
ever, molten particles freeze rapidly on impact with the surface and form metastable
amorphous phases. Control of the degree of melting of the powder can thus control
the relative proportions of amorphous and crystalline phase formed in the final coat-
ing. In practice, two different powder types are used commercially depending on
the spray process. From the scanning electron micrograph of the particles used with
the VPS process shown in Fig. 1.12a, it can be seen that the particles are discrete
and angular in shape suggesting they have been cleaved. The dimensions vary, with
an average particle size of 100–200 μm. By contrast, Fig. 1.12b shows a scanning
electron micrograph of the powder used for the DGUN process. The particles, man-
ufactured by a spray drying route, are spherical and relatively small with an average
diameter of 50 μm.

A particular problem with applying a ceramic coating to a metal substrate can be
the difference in the relative thermal conductivities of the two. This can be accom-
modated by the use of an intermediate bond coat. For example, before spraying an
HA coating onto a titanium alloy substrate a bond coat of pure titanium may be
applied to reduce the mismatch. The typical appearance of a thermal spray coat-
ing is shown in Fig. 1.22. The surface is very irregular with flat glassy regions that
can be attributed to the amorphous phase present and irregular regions compris-
ing the residual crystallites from the spray powder and splat debris. Small particles
melt more rapidly, reach their maximum velocity faster, and freeze more rapidly
on impact with the substrate in comparison to larger ones. The morphology of the
starting powders used to produce the coating can therefore have as great an effect
on the structure of the final coating as the spray process itself. Research has shown
that for the VPS process the original crystallinity of 80% for the powder is reduced
to 60% in the coating. Similarly, for the DGUN process the original crystallinity of
77% in the starting powder is reduced to 34% in the coating [19].

An observation with respect to the production of spray coatings is the need for
careful control at all stages. The metallic substrates are normally grit blasted with
alumina grit to roughen the surface to promote adhesion of the coating. Despite sub-
sequent cleaning, it is possible for some of the blasting medium to remain embedded
in the surface of the substrate. It is possible for the particles to be of sufficient size to
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Fig. 1.22 An SEM
micrograph of an as-received
VPS HA coating

penetrate the thickness of the subsequent spray coating. A major advantage of apply-
ing thermal spray coatings to metallic stems is seen as their potential to encourage
interlocking of the metal stem with the surrounding bone. In this way the micro-
motion at the interface between the prosthetic stem and the bone will be minimized
and thus the potential problem of loosening reduced. Consequently, ceramic coated
implants for hip joint replacement are recommended for use with younger and more
active patients.

1.19 Bioactive Glasses

Several decades ago, in the 1960s, it was first discovered that certain compositions
of glass and glass-ceramics were capable of bonding directly with bone [30]. Since
then, research has shown that careful specification of the glass composition can
result in direct control over the rate of this bonding. Some very specific formula-
tions of glass have been developed that will form bonds directly with soft tissues, in
addition to bone [22].

A wide range of glass compositions have been studied and it has been found that
the bone bonding response can vary depending on the constituents. For example, it
is now known that having more than 3 wt% of alumina in the composition can result
in inhibition of the bone bonding. The glasses currently used for implant purposes
are based on SiO2-CaO–Na2O–P2O5 and Li2O–ZnO–SiO2 systems.

The success of the bone bonding mechanism depends on the formation of a bio-
logically active carbonated HA layer on the glass surface which promotes bonding at
the interface between the bioactive glass and the surrounding tissues. Three specific
criteria must be met in order to render the surface highly reactive when exposed to
an aqueous environment such as that found in the body. These are based on the com-
positional requirements of the glass and are that it must contain <60 mol% SiO2, a
high Na2O and CaO content, and lastly a high CaO:P2O5 ratio. Consequently, one
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Table 1.4 Composition of bioactive
glass Bioglass 45S5 45S5 Bioglass Weight %

SiO2 45
Na2O 24.5
CaO 24.5
P2O5 6

of the most commonly used bioactive glasses, known as 45S5, has 45 wt% SiO2,
with a CaO:P2O5ratio in the order of 5:1. The formulation is given in Table 1.4. It
is known that glasses with a lower ratio than this will not bond with bone [24].

In an aqueous environment bioactive glass will undergo a rapid surface reaction
which will result in a fast rate of bonding to tissue. The high level of biological
activity is facilitated by the free exchange of ions between the bioactive glass and
the surrounding bodily fluids. In some situations mineralizing bone is detectable at
the interface after only 7 days. By 4 weeks there is complete bonding at the interface
and no fibrous capsule has formed. The strength of bond at the interface can be
considerable. For example, one study using pushout tests showed that the interfacial
bond strength for Bioglass was 15–25 MPa in contrast to pushout strengths of 0.5–
3 MPa for unreactive glass. Significantly higher interface strengths of up to 85 MPa
have been reported.

One disadvantage of glass-ceramics is their inherent brittleness. However, they
do have good resistance to scratching and abrasion. Their mechanical properties
have been optimized for their composition and could not be further compromised
without adversely affecting their potential for bone bonding. They have a 10-year
history of use as middle ear replacements, dental implants, vertebral implants and
in the area of periodontal surgery.

1.20 Conclusion

Historically, ceramics have been regarded as brittle materials whose range of appli-
cations were constrained by their relatively poor mechanical properties. This chap-
ter has shown that this is no longer the case. Advances in processing technology
and a deeper understanding of the structure and properties of ceramics have led to
the expansion of their use into a whole host of different areas. Not least of these
is the medical sphere where ceramics now have a proven history of clinical use
over several decades with a broad range of applications. It is anticipated that future
developments in the field of bioceramics will mean that mechanical properties can
be further optimized to enable the range of useful applications to be expanded fur-
ther. Exciting new prospects exist in the growing area of tissue engineering where
undoubtedly ceramics will have a central role to play.
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Chapter 2
Metallic Biomaterials

Robert M. Pilliar

2.1 Introduction – Why Metals?

Metallic biomaterials continue to be used extensively for the fabrication of surgical
implants primarily for the same reason that led to their initial selection for these
devices many decades ago. The high strength and resistance to fracture that this
class of material can provide, assuming proper processing, gives reliable long-term
implant performance in major load-bearing situations. Coupled with a relative ease
of fabrication of both simple and complex shapes using well-established and widely
available fabrication techniques (e.g., casting, forging, machining), this has pro-
moted metal use in the fields of orthopedics and dentistry primarily, the two areas
in which highly loaded devices are most common although similar reasons have led
to their use for forming cardiovascular devices (e.g., artificial heart valves, blood
conduits and other components of heart assist devices, vascular stents), and neu-
rovascular implants (aneurysm clips). In addition, the good electrical conductivity
of metals favors their use for neuromuscular stimulation devices, the most common
example being cardiac pacemakers. These favorable properties (good fracture resis-
tance, electrical conductivity, formability) are related to the metallic interatomic
bonding that characterizes this class of material. While the purpose of this chapter
is to focus on the important issues pertaining to the processing and performance of
metallic biomaterials and to review the metals that are currently used for implant
fabrication, a brief review of fundamental issues related to the structure-property
relations of metals in general follows.

Metal processing determines microstructure and that in turn determines prop-
erties (elastic constants being an exception since these are virtually structure-
insensitive properties dependent on interatomic bond type and equilibrium atom
packing as noted below) [1–3]. An understanding of material properties and pro-
cesses used to achieve desired properties during fabrication of metallic components
is critical for ensuring desired performance of implants in service. While mechan-
ical failure is unacceptable for most engineered structures, it is particularly so for
surgical implants where failure can result in patient pain and, in certain cases, death
(heart valve component fracture, for example) or the need for complicated and life-
threatening revision surgery.

R. Narayan (ed.), Biomedical Materials,
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2.2 Metallic Interatomic Bonding

Interatomic bonding in solids occurs by strong primary (ionic, covalent, and/or
metallic) and weaker secondary interatomic bonding (van der Waals and hydrogen
bonding). Metals are characterized by metallic interatomic bonding with valence
shell electrons forming a ‘cloud’ of electrons around the atoms/ions. This is a con-
sequence of the high coordination number, N, (i.e., number of nearest neighboring
atoms) that occur with metals (i.e., N = 12 or 8 for many metals). As a result of
the close positioning of neighboring atoms and the shared valence electrons, the
interatomic bonds are non-directional and electron movement within metal crystal
lattices is easier than in ionic or covalently bonded materials. This fundamental dis-
tinguishing characteristic of metals results in the relative ease of plastic deformation
(i.e., permanent deformation on loading above their yield stress) as well as the high
electrical and thermal conductivities of metals. Most metals used for implant fabri-
cation have either close-packed atomic structures with N = 12 with face-centered
cubic (fcc) or hexagonal close-packed (hcp) unit cells, or nearly close-packed struc-
tures with N = 8 forming body-centered cubic (bcc) structures. Less commonly,
tetragonal and orthorhombic as well as other unit cells do occur with some metal-
lic biomaterials. The equilibrium distance between atoms defining the unit cells of
these crystals and the strength of their interatomic bonding are determined by intrin-
sic factors such as atom size and valency as well as extrinsic factors (temperature,
pressure). In addition to ease of deformation to desired shapes, the ability to deform
plastically at high loads results in another very important feature namely an ability
to blunt sharp discontinuities (through plastic deformation) thereby reducing local
stress concentrations resulting in relatively high fracture toughness. As noted below,
these desirable characteristics are dependent on proper selection of processing con-
ditions for material and part formation.

2.3 Crystal Structures – Atom Packing in Metals

The common metallic biomaterials (i.e., stainless steel, Co-based alloys and Ti and
its alloys) form either face-centered cubic, hexagonal close-packed or body-centered
cubic unit cells at body temperature with ideal crystal lattice structures as shown in
Fig. 2.1. Real metal crystals, in contrast to these ideal atom arrangements, contain
lattice defects throughout (vacancies, dislocations, grain boundaries – Fig. 2.2). The
presence of these defects, (point, line and planar defects), have a strong effect on
mechanical, physical and chemical properties.

Using a simple solid sphere model to represent atom packing, arrangement of
spheres in the closest packed arrangement shown in Fig. 2.3 results in either a
face-centered cubic structure (2-D planar layer stacking sequence as ABCABC. . . –
Fig. 2.3a), or a hexagonal close-packed structure (ABABAB. . . stacking sequence –
Fig. 2.3b). The selection of the preferred arrangement for a close-packed metal
depends on the lowest free energy form under given extrinsic conditions (temper-
ature and pressure). While many metals used for implant applications form close-
packed structures over a certain temperature range (e.g., Ti and its alloys are hcp
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Fig. 2.1 Unit cells for face
centered cubic (fcc),
hexagonal close-packed
(HCP) and body-centered
cubic (bcc) crystal structures
(Courtesy of Scott Ramsay,
Adjunct Professor, University
of Toronto)

below about 900 ◦C, Co base alloys form fcc crystalline structures above approx-
imately 850 ◦C, 316L stainless steel is fcc from its forging temperature ∼1050 ◦C
down to room temperature), others form less closely-packed structures (Ti and Ti-
based alloys form bcc structures at elevated temperatures). Lowest free energy deter-
mines the most stable crystal structure under given conditions. Understanding the
nature of the transformations that may occur during metal processing is impor-
tant for control of properties. Phase transformations can be beneficial for achiev-
ing desired properties, but may also result in secondary phases with undesirable
properties leading to unacceptable material performance. A good understanding of
constitutional (equilibrium) phase diagrams is important for the design of process-
ing methods for metallic implant formation. It should be appreciated, however, that
these often over-simplified diagrams (i.e., limited to two- or three-element alloys
rather than the multi-elemental compositions of most practical alloys) indicate, even
for these simple compositions, equilibrium structures that may not be achieved dur-
ing processing because of kinetic considerations as discussed below.

2.4 Phase Transformations – Diffusive and Displacive

The equilibrium arrangement of atoms in solids, as noted above, is determined by
factors such as atomic size, valence, and chemical affinity between elements under
specific extrinsic conditions (i.e., temperature, pressure). For given temperature and
pressure conditions, the stable state is the structure of lowest free energy. Free
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Fig. 2.2 Crystal structures showing point defects (substitutional or interstitial elements, vacancies),
line defects (edge and screw dislocations), planar defects (grain boundaries) (Courtesy of Scott
Ramsay, Adjunct Professor, University of Toronto)

energy, G, is related to enthalpy, H, (heat of formation), and entropy, S, through
the relation G = H – TS, where T is the absolute temperature. Changes in state or
phase transformations in solids are possible if a decrease in G occurs due to the
transformation (i.e., ΔG = ΔH – TΔS < 0 at the transformation temperature).

While a reduction in G represents a necessary thermodynamic condition for the
formation of a new phase, atomic rearrangement to form the new phase must occur
in a reasonable time period (a kinetic consideration). For most solid-state phase
transformations, atom rearrangement occurs through thermally controlled diffu-
sion processes (diffusive transformations) that result in both crystallographic and
regional compositional changes within the newly formed phase(s), the amount and
microstructure of the new phase(s) being dependent on temperature and time at tem-
perature. Phase transformations can also occur through diffusionless processes that
are not dependent on time at temperature but rather on temperature only or mechan-
ical straining of samples at an appropriate temperature. These are referred to as
displacive or martensitic transformations [4]. They are athermal meaning that the
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Fig. 2.3 Solid sphere models showing the two stacking sequences possible in close-packed crystal
structures. The layering sequence of the close-packed planes is different but the nearest number of
neighboring atoms (coordination number) is 12 for both arrangements (Courtesy of Scott Ramsay,
Adjunct Professor, University of Toronto)

amount of new phase forming from a parent phase is dependent only on the final
temperature (or degree of deformation at temperature). The transformation occurs
very rapidly with the transforming wave-front sweeping across the sample at a rate
corresponding to the speed of sound. Very slight atom displacements are needed to
achieve the transformation. The temperature at which martensite first starts to form
from the parent phase (austenite) is the Ms temperature (martensite start tempera-
ture) with 100% martensite forming at the Mf temperature (martensite finish tem-
perature). Upon heating, the reverse transformation (martensite to austenite) starts at
the austenite start (As) and finishes at the austenite finish (Af) temperatures. There is
hysteresis between the forward and reverse transformation temperatures reflecting
the energy required for the transformation. Displacive transformations involve very
slight repositioning of atoms within a crystalline solid in combination with a so-
called lattice invariant strain that involves lattice twinning only in order to accom-
modate the overall shape change that would otherwise result from the cumulative
small atom displacements. Some metallic biomaterials can transform through a dis-
placive mechanism including the CoCrMo and Ti-based alloys that are used exten-
sively for joint replacement implants. The Ni-Ti shape memory alloys (SMA) also
transform by a displacive transformation resulting in two related phenomena that
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are attracting considerable interest in biomaterials currently (i.e. the shape memory
effect and superelasticity).

For Ni-Ti alloys, the net result of the austenite-to-martensite transformation is a
highly twinned martensitic structure. The resulting twin boundaries are low energy
boundaries that are quite mobile. Thus, components can be readily deformed at
lower temperatures (where the martensite phase is stable) resulting in a change in
part shape. On annealing above the Af temperature, the martensite is transformed
back to austenite with an accompanying reversion to the initial undeformed shape.
This is referred to as the shape memory effect and can be used to advantage in bio-
material applications to impart a mechanical force on tissue following implantation
as the implanted device warms up to body temperature. This is described further in
the section on Ni-Ti Alloys.

A second effect due to the martensitic transformation in Ni-Ti alloys is that of
superelasticity (also referred to as a pseudoelasticity). This effect results in a very
low apparent elastic modulus for the Ni-Ti alloys. It is due to the formation of stress-
induced martensite (SIM) during mechanical deformation of the austenite phase
within a limited range of temperatures just above the As temperature and below
a temperature defined as the Md temperature, (the maximum temperature at which
stress-induced martensite will form). Mechanical strain at this temperature provides
the driving force for austenite-to-martensite transformation. However, the resulting
stress-induced twinned structure forms with a preferred twin variant (a twin formed
with a twin boundary defined by a specific crystallographic plane, e.g., a (111)
plane) in contrast to the formation of a family of twins having common boundary
planes but differently oriented, for example having {111} boundary planes as occurs
for the thermally-driven shape memory transformation. The stress-induced transfor-
mation results in a significant overall elongation in contrast to the thermally-driven
one. The elongation is fully recovered on release of stress. The resulting stress-strain
curve (Fig. 2.4) shows complete recovery upon unloading to relatively large strains
(as high as 10% for some shape memory alloys) thereby resulting in a low apparent
elastic modulus.

Fig. 2.4 Stress-strain curve
for a metal (such as Ni-Ti
alloy) displaying
stress-induced martensitic
transformation and
superelastic behavior. Note
the hysteresis on loading and
unloading
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2.5 Diffusion in Metals

Atomic diffusion occurs during metal processing and determines the structure and
properties of metallic components. Hence, solidification during casting of a melt,
grain growth during elevated temperature annealing of parts, the precipitation and
growth of second phase particles, sintering of metal powders to form either dense
or porous structures, bonding of films or coatings to substrates, recrystallization
(in which relatively strain-free crystals nucleate and grow within mechanically-
deformed materials), and the formation of protective oxides over metal substrates
(passive film growth) all involve atom diffusion. Thus, an understanding of atomic
diffusion rates and mechanisms is important for design of processes for formation
of components with desired properties. The diffusion rate, D, is given by the equa-
tion D = Doexp(–Q/RT) where Do = diffusion coefficient (characteristic of an atom
diffusing in a given material), Q = activation energy for atom movement, R = uni-
versal gas constant and T = absolute temperature. This relation shows that diffusion
rates fall exponentially as temperature is reduced so that at some lower temperature,
diffusion driven structural changes will not occur in practical time periods even
though they are energetically favored by changes in free energy (i.e., ΔG<0). As
a result, metastable structures can exist at ambient temperatures. The retention at
room temperature of a fcc-structured phase in Co-based alloys used for orthopedic
implant fabrication is an example of this. The fcc structure (γ-phase) is metastable
at temperatures below about 900 ◦C where free energy considerations would predict
the formation of the hcp ε-phase. Slow diffusion of Co, Cr, and Mo atoms at and
below the transformation temperature prevents the ready formation of the hcp phase
by a diffusive transformation. The reaction is “sluggish” and, only under special
circumstances as discussed later, does the stable hcp phase form.

The formation of well-developed crystalline structures during solidification from
the liquid state (or during other types of solid state formation reactions such as
chemical or physical vapor deposition processes that are being used for forma-
tion of films and coatings) requires the movement of atoms to equilibrium lattice
sites. Should very rapid cooling occur during solidification, such regular position-
ing of atoms is unable to occur and, instead, random atomic positioning and amor-
phous structures lacking long-range order will develop. Such amorphous structures
occur more readily during solidification of complex ionically- or covalently-bonded
non-metals. These have relatively lower diffusion rates due to the large molecules
that define the structures of these materials and the higher activation energies for
molecule movement. Some metals can also form amorphous structures on solidifi-
cation but only if very high cooling rates (>106 ◦C/s) are used during solidification
[5]. These display some interesting properties including high hardness and excel-
lent corrosion resistance, characteristics that are desirable for certain biomaterial
applications. The high hardness can be explained by the fact that amorphous metals
do not deform readily by dislocation glide as occurs with crystalline metals (see
below). The excellent corrosion resistance appears related to the fact that preferred
sites for initiation of corrosion reactions such as grain boundaries, dislocations, and
other lattice defects (vacancies) do not exist in these structures. These as well as
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nano-crystalline metals (grain size <100 nm or so) that also display interesting prop-
erties such as excellent wear resistance, high strength and corrosion resistance are
discussed briefly in the New Directions section. These represent exciting new direc-
tions for potentially forming novel metallic implants or implant surface coatings.

2.6 Interatomic Forces and Elastic Moduli
(Structure-Insensitive Properties)

All crystalline materials, as noted above, are formed with characteristic 3-D equi-
librium atomic structures with specific atom arrangement/packing and equilibrium
interatomic spacings that characterize that material. The interatomic forces acting
on atoms in these equilibrium positions will be equal to zero as a result of a balance
of attractive and repulsive force fields acting on the atoms (i.e., F = dU/dr where F =
interatomic force, U = bond energy, a function of ‘r’, and r = interatomic spacing –
Fig. 2.5a,b). Small displacements from the equilibrium position in response to
applied forces result in an increase in internal energy of the structure. The poten-
tial energy of an atom, U, can be described by an empirical equation of the form

Fig. 2.5 Potential energy vs
interatomic separation curve
(a) showing how the net
effect of attractive and
repulsive forces acting
between atoms, as shown in
(b), result in an potential
energy minimum that defines
the equilibrium interatomic
separation
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U = –A/rm + B/rn where m<n [1]. The first term of this equation is related to an
attractive energy force (this force is lowered as atoms are brought closer together
approaching the equilibrium spacing, ro) while the second term is related to the
repulsive force that develops as atoms are brought into too close proximity (r < ro).
This repulsive energy term predominates at r < ro. The interatomic force-distance
relation represents an intrinsic material characteristic relating small lattice defor-
mations (atomic displacements) and the forces resisting these displacements. Stress
and strain can be determined experimentally for a material with the initial slope
of the stress vs strain curve describing an intrinsic elastic constant for a material
(Young’s modulus, E, for very small tensile or compressive forces or Shear modulus,
G, for shear forces). For small deformations in metals, the relation between stress
and strain is linear and, except at higher temperatures approaching the melting tem-
perature where atomic diffusion is rapid and creep deformation occurs, is virtually
strain-rate independent for metals. Assuming a regular 3-D cubic arrangement of
atoms and an applied tensile force (one tending to increase the separation between
atoms), a simple estimate of E can be made [2] giving Young’s Modulus, E = σ/ ε =
dF/ro

2/dr/ro = (1/ro)(dF/dr) where σ = stress, ε = strain, F = interatomic force, r and
ro = interatomic and equilibrium interatomic spacing respectively. This suggests
that E is directly related to the slope of the interatomic force-distance curve and
inversely proportional to the equilibrium spacing between atoms. Metal processing
has very little influence on these two parameters so that elastic constants (E and G)
can be considered intrinsic material properties independent of method of process-
ing and the resulting microstructural effects (i.e., structure-insensitive properties).
A third elastic constant, Poisson’s ratio, υ, that describes the lateral deformation
occurring as a result of axial elastic deformation (υ = –εy/εx) for a force applied in
the ‘x’ direction) represents another structure-insensitive intrinsic material property.
Table 2.1 summarizes some mechanical properties for a number of commonly used
metallic biomaterials indicating the definite value for elastic constants in contrast

Table 2.1 Mechanical properties of metallic biomaterials. Small variations in E may be attributable
to different measuring methods. The large range of strength and % elongation to failure properties
are due to different material processing. Some polymer and ceramic, as well as cortical bone prop-
erties are shown for comparison

Material E (GPa) σyield(MPa) σult(MPa) % elong

Fe-based 200–205 170–690 540–1000 12–40
Co-based 220–230 450–1500 655–1900 5–30
CP Ti 100–115 170–480 240–550 15–24
Ti-based 100–110 585–1050 690–1150 10–15
Ta 188 140–345 205–480 1–30
Ni-Ti (Ms) 28–41 70–140 895 ∼9
UHMWPE 0.5 – ∼3 800
Al2O3 350–380 – 400 (flexural) –
PS-ZrO2 200 – 800 (flexural) –
Bone (cortical) 10–20 – 100–300 1–2
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to the range of possible values for other mechanical properties. The range of these
other properties is due to their dependence on material microstructure that, in turn,
is a function of the method of processing used for material formation. Thus, in
contrast to the elastic constants, these other properties are structure-sensitive. Also
included in Table 2.1 are the elastic constants for some other biomaterials (polymers
and ceramics) as well as bone (cortical and cancellous). The large difference in elas-
tic constants for the metals commonly used for forming bone-interfacing implants
for orthopedic applications (stainless steel, Co-based alloys, Ti and its alloys) and
bone is noteworthy. This large disparity can lead to undesirable structural changes
in bone situated next to a metallic implant in situations where the implants are
(1) securely fastened to bone (usually a preferred situation for joint replacements
and fracture stabilization) and (2) oriented with the length of the implant juxtapos-
ing a significant length of bone (as for example a femoral hip implant stem compo-
nent against the host femur). The resulting composite construct (metal implant and
bone) forms, in effect, a reinforced composite so that major stresses are borne by the
higher modulus metallic implant thereby ‘stress shielding’ the host bone. Because
of this, disuse atrophy and significant bone loss can result over time. In addition,
abnormally high stresses can develop in bone at regions where force is transferred
from the implant to the host bone (e.g., at the distal tip region of the femoral
stem – Fig. 2.6). Studies to develop lower elastic modulus metallic alloys to over-
come this ‘stress shielding’ effect represent an active area of current biomaterials
research.

Fig. 2.6 Schematic illustration of a securely fixed metallic
femoral hip implant component in the femur showing the
direction and concentration of lines of force acting during
loading. The stiffer implant component acts to shield the bone
next to the proximal stem portion thereby promoting bone
disuse atrophy (a stress shielding effect). Note also the
concentration of forces resulting in stress concentration
within bone at the distal stem region (Courtesy of Scott
Ramsay, Adjunct Professor, University of Toronto)
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2.7 Plastic Deformation and Structure-Sensitive Properties

Metals display high degrees of ductility if appropriately processed, a direct conse-
quence, as already noted, of the metallic interatomic bonding that allows relatively
easy movement of crystal line defects (dislocations) along certain crystallographic
planes (slip planes). Dislocations (edge and screw) are a type of crystal lattice defect
(line defects) that occur within crystalline solids (Fig. 2.2). Their movement through
the crystal lattice allows plastic deformation or yielding of metals at stress levels
far below those predicted for shearing of crystal planes in idealized dislocation-free
crystals. Plastic flow results in blunting of sharp geometric discontinuities that act as
stress concentrators at which crack initiation will occur. The force required to cause
dislocation movement or ‘gliding’ along a crystal plane is related to the strength
of interatomic bonding, since dislocation movement requires sequential breakage
and reformation of interatomic bonds, as well as dislocation interactions with other
lattice defects (other dislocations, grain boundaries, vacancies, impurity or alloying
elements). Significant dislocation movement and plastic deformation occur when
stresses are above a material’s yield stress (Fig. 2.7). To increase yield strength, a
number of strategies can be used all aimed at increasing a metal’s resistance to dis-
location glide. These include strain hardening (also referred to as work hardening or
cold working), alloying for substitutional or interstitial solid solution strengthening,
precipitation or second phase hardening, and strengthening by grain refinement.

Strain hardening is achieved by mechanical working of a metal above its yield
stress. It is a result of dislocations interacting with other dislocations during load-
ing resulting in dislocation entanglements and pile-ups that inhibit further dislo-
cation glide thereby resulting in higher yield stress. Solid solution strengthening
occurs through addition of other elements to a pure metal (or through inadvertent
impurity element contamination). This results in increased resistance to dislocation
movement along slip planes. Precipitation hardening or strengthening is a result
of the formation of second phase precipitates that interfere with easy dislocation

Fig. 2.7 Stress-strain curve
for a metal showing the yield
stress, σy. The yield stress is
normally defined as the stress
corresponding to either 0.1%
or 0.2% plastic strain (σ0.1%

or σ0.2%)
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glide. (Dispersion strengthening is similar but usually refers to non-metallic disper-
soids within the metal matrix.) Grain boundaries and interphase boundaries also
inhibit dislocation movement since glide directions along preferred slip planes must
change at such junctions. Finer grain size (and consequently more grain boundary
area) results in higher yield strength as described by the Hall-Petch relation (σy =
σo + k/d1/2 where d = mean grain size and σo and k are empirically determined
constants [3]. This relation breaks down for metals with very small nano-sized or
very large grains. All these possible strengthening mechanisms involve dislocation
interactions with other dislocations or microstructural features. These result from
processing routes used for forming implants for highly loaded applications such as
those found in orthopedics and dentistry.

In addition to achieving sufficiently high yield strength to prevent unacceptable
shape changes during functional loading, outright implant fracture must be avoided.
Fracture can occur either as a result of a single overload event or through repeated
(cyclic) loading at stresses well below the ultimate stress and even below the yield
stress in the case of fatigue failure. Fatigue failure is a process resulting from the ini-
tiation and slow propagation of cracks leading to eventual catastrophic failure. This
can occur in a relatively low number of cycles (≤104 cycles) (high repeated strains
leading to low cycle fatigue, LCF) or over millions of cycles (low cyclic strain result-
ing in high cycle fatigue, HCF). For the former, relatively few loading cycles are
required to initiate cracks so that crack propagation rates primarily determine fatigue
strength. For HCF, the number of cycles for crack initiation can represent more than
95% of the total lifetime (measured in cycles to failure). Thus, prevention of fatigue
crack initiation is of crucial importance for avoiding HCF failure. Fatigue crack
initiation is a result of dislocation interactions leading to formation of microvoids
and dislocation run-out creating surface irregularities (slip bands) that act as stress
concentrators promoting local crack initiation. Thus, processing to increase resis-
tance to dislocation movement is a strategy for achieving higher yield strength and,
hence, higher fatigue strength although yield strength increases are accompanied by
reduced ductility so that an optimal degree of strengthening will normally result in
the highest fatigue strength. While fatigue fractures of contemporary orthopedic and
dental implants are uncommon, they do occasionally occur and often after years of
apparent satisfactory implant performance and millions of cycles of loading suggest-
ing failure due to HCF conditions. This can be confirmed by examination of fracture
surfaces using high resolution scanning electron microscopy (typically at magnifi-
cations >1000 times). These studies often reveal the tell-tale signs of HCF, namely
very finely-spaced fatigue striations emanating from a fatigue crack initiation site
(Fig. 2.8). In general, increased fatigue strengths are related to yield strength so
that the processes used to achieve increased yield strengths normally benefit fatigue
strength. However, as noted above, strain hardening also results in decreased duc-
tility which can lead to easier fatigue crack initiation so that careful selection of
material processing procedures is necessary to achieve optimal static and dynamic
(fatigue) properties of metallic components.

Fracture toughness (Kc) or fracture energy (Gc) represents another important
material property for consideration in device design. It is a measure of a material’s
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Fig. 2.8 Scanning electron micrograph of a CP Ti
dental implant that had failed as a result of fatigue.
The fatigue failure is clearly identified from the
striations observed on the fracture surface. Note the
high magnification needed to view the striations that
have an approximate 0.5 μm spacing

damage tolerance characteristic. The ability of metals to deform plastically has a
strong effect on fracture resistance since plastic deformation can result in blunt-
ing of sharp flaws thereby reducing local stress concentrations. This is the rea-
son for the much higher fracture toughness values of metallic biomaterials com-
pared to other high strength bioceramic materials such as Al2O3 or phase-stabilized
ZrO2 that are characterized by high compressive and much lower tensile strengths,
(see Table 2.2).

Yield strength, ultimate strength, ductility, fatigue strength, fracture toughness,
hardness and wear resistance are examples of structure-sensitive mechanical prop-
erties. Lattice defects or imperfections such as point defects (vacancies, intersti-
tials) and planar defects (grain or crystal boundaries, twin boundaries, interphase
boundaries) and the interaction of these with dislocations determine these structure-
sensitive properties. How materials are processed determines the density of and

Table 2.2 Metals used for orthopedic implant applications

Metal Major/(minor) application Processing route

Stainless steel Osteosynthesis/(joint arthroplasty) Hot/warm forming, machining
CoCrMo alloys Joint arthroplasty/(osteosynthesis) Casting, hot/warm forming, p/m
Co-Ni alloys Osteosynthesis/(joint arthroplasty) Hot/warm forming
CP Ti Osteosynthesis Hot/warm forming, machining
(α + β) Ti alloys Joint arthroplasty and osteosynthesis Hot/warm forming, machining
β/near-β) Ti alloys Osteosynthesis Hot/warm forming, machining
Ni-Ti Osteosynthesis Hot/warm forming, machining
Ta Bone augmentation Chemical vapor infiltration
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interactions between these microstructural features and consequently the acceptable
limits of use of components made from the materials.

2.8 Corrosion Resistance

Concerns over possible high rates of corrosion of metallic biomaterials and the detri-
mental effect that this can have on biocompatibility represent the most important
consideration in the selection of metals for implant use [6]. In fact, only relatively
few metals are considered acceptable for surgical and dental implant fabrication
(Table 2.1). This is based on the relatively low rates of in vivo corrosion of these
metals if properly processed. Acceptable corrosion resistance for most of these relies
on their ability to form well-adhered, dense, protective oxide surface layers (passive
oxide films typically 5–10 nm thick) that are retained during in vivo use. Thus, Ti
and its alloys, Ta, CoCrMo and Co-Ni alloys, Ti-Ni alloys and certain austenitic
stainless steels rely on such passive oxide layers for corrosion protection. In addi-
tion, some metals made from more noble elements that do not rely on passive film
formation and that display acceptable in vivo corrosion properties are used for some
surgical implant and dental device applications. Pt and Pt-Ir components are exam-
ples used for fabricating neuromuscular stimulation electrodes, cardiac pacemak-
ers being the most common example. Au alloys and Pd alloys are used for dental
bridge construction and as components of dental crowns (porcelain-fused-to-metal
crowns). These noble metals are able to resist corrosion to an acceptable degree
even in the aggressive body or oral environment due to their inherent chemical
stability. Those metals that rely on passive oxide film protection, in contrast, are
extremely reactive in oxygen-containing environments. This characteristic is used
to advantage, for forming the well-adhering, dense oxide layers that develop either
spontaneously during use or through chemical (immersion in nitric acid solution, for
example), electrochemical (anodic film formation), or thermal (air oxidation) treat-
ment as the final step in manufacture of implants from these metals. The important
characteristic of these passive oxide layers is their relative stability in vivo, pro-
viding effective barriers to electron and ion transport. And while film growth and
ion release can continue in vivo, the rate is sufficiently low to allow the safe use of
these alloys.

2.9 Metals and Processes for Implant Fabrication

As already noted, only a relatively small number of metals are used currently for
making surgical implants, primarily because of concerns over metal corrosion and
biocompatibility. The metals used for making orthopedic implants (joint replace-
ments and implants used in fracture repair or spinal fusion procedures) are listed
in Table 2.2. These represent major load-bearing applications requiring the use
of materials with sufficient corrosion resistance, strength and fracture resistance
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for long-term (joint replacements) or shorter term (fracture fixation) applications.
Implant loading conditions can be complex and occur in an aggressive body environ-
ment so that good corrosion-fatigue resistance is a major requirement. (Corrosion-
fatigue describes the additive effect of a corrosive environment on fatigue crack
initiation and propagation.) Joint replacement implants must also display good wear
resistance since wear debris generated at articulating joint surfaces can either of
itself or following its degradation through corrosion result in unacceptable host
reactions leading to implant loosening. Ideally, joint replacement prostheses should
function reliably for decades. Unfortunately, even with today’s biomaterials and
implant designs, this is not always the case. For implants used in fracture repair
procedures the requirements are less stringent since these usually can be removed
following fracture healing (i.e., after months or so) although this is not always done
in practice.

The commonly used metals and some newer alloys that are being investigated
currently are reviewed below. Further information can be found in other review
articles on this subject [7, 8]. The focus of the present chapter is on the process-
ing of the metallic biomaterials and how processing determines properties (i.e.,
fatigue strength, wear resistance, corrosion properties). The basic mechanisms out-
lined above are used to rationalize the process-property relations and selection of
methods for implant manufacture.

2.10 Austenitic Stainless Steel (ASTM F 138/139,
F 1314, F 1586, F 2229) 1

The stainless steel compositions (all fcc austenitic stainless steels) recommended
for implant use are listed in Tables 2.3 and 2.4.

316L austenitic stainless steel (ASTM F 138/139), despite its greater suscepti-
bility to crevice corrosion compared to other common metallic biomaterials, has
over decades of use proved acceptable and the metal of choice for fracture repair
devices. It has also been used for making some joint replacement components
(although its use for forming these has become less common). Stainless steel’s cor-
rosion resistance is dependent on the formation of a thin Cr, Mo-containing passive
surface oxide layer, the Mo imparting stability in a Cl–-containing environment. It
forms a single phase (fcc austenite phase) from its forging temperature (∼1050 ◦C)
to room temperature and achieves its reasonable strength and fatigue resistance
through strain hardening and solid solution strengthening mechanisms and a fine
grain size. Typically, implants are forged at temperatures starting at 1050 ◦C and
continuing through a series of forging and re-annealing steps until a near-final
shape is achieved. Forging at the elevated temperature facilitates shaping since dis-
location entanglements and pile-ups that would result in strain hardening at lower
temperatures are eliminated. This is a result of microstructural recovery and

1American Society for Testing and Materials – recommended standards
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Table 2.4 Mechanical properties of austenitic stainless steels used for orthopedic implant
fabrication; higher and lower values correspond to cold-worked and fully annealed samples
respectively [7]

ASTM # σyield(MPa) σult(MPa) % elong σfatigue (107)

F 138 190–690 490–1350 <12–40 190–700
F 1314 380–860 690–1035 12–35 –
F 1586 430–1000 740–1100 10–35 –
F 2229 590–1550 930–1730 12–50 –

recrystallization, processes that occur during the elevated temperature mechanical
working. (Recovery involves dislocation rearrangement to form lower energy net-
works while recrystallization involves the nucleation of new strain-free crystals with
low dislocation density within a mechanically-worked microstructure.) Thus, easy
plastic deformation and shaping (because of the low dislocation density) without
the danger of component cracking are possible using elevated temperature forg-
ing. As parts cool during forging, they eventually reach the characteristic recrystal-
lization temperature (the temperature above which nucleation of strain-free crystals
occurs, ∼1000 ◦C for stainless steel) so that continued forging on cooling below this
temperature results in strain hardening of the alloy. This lower temperature ‘finish
forming’ is useful for achieving a desired yield strength for the final component.
The final properties (yield, ultimate strength and ductility and most importantly,
fatigue strength) are dependent on the degree of ‘cold’ working that is imparted
during this lower temperature mechanical deformation. Achieving a fine, uniform
grain size is also important (for 316L an ASTM No. 5 grain size is recommended;
i.e., ∼60–65 μm cross-sectional dimension). Higher nitrogen content in some stain-
less steels (ASTM F 1314, ASTM F 1586, ASTM F 2229) results in higher strength
(due to greater solid solution strengthening) as well as improved crevice and pitting
corrosion resistance. The latter composition (ASTM F2229) is a Ni-free, nitrogen-
strengthened austenitic stainless steel with a higher Mn content (a fcc stabilizing ele-
ment like Ni) resulting in the retention of fcc austenite despite the lack of austenite-
stabilizing Ni. As with the original 316L stainless steel, the corrosion resistance of
all these alloys depends on the formation of a passive Cr(+Mo) oxide layer. While
all these austenitic stainless steels are nominally single-phase fcc alloys, carbides
can form within the structure due to the small amount of C in these alloys if they
are exposed to temperatures in the 400–800 ◦C range for significant periods. In this
range, M23C6 grain boundary phases can form (M being Cr primarily) with asso-
ciated depletion of Cr from adjacent zones. The resulting denudation of Cr from
regions adjacent to the carbides results in a structure that is more susceptible to
intergranular corrosion because of the resulting less stable passive oxide film (due
to reduced Cr content) next to the grain boundary region. This is referred to as alloy
‘sensitization’ and to minimize the possibility of its occurrence, low carbon levels
are recommended for load-bearing austenitic stainless steels (hence the ‘L’ in 316L
with C = 0.03 wt% maximum). An additional requirement for forming these steels
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is the use of vacuum melting during solidification. This ensures low non-metallic
inclusion levels. Such inclusions would act as stress concentrators thereby reduc-
ing mechanical properties (particularly fatigue strength) of components as well as
making component fabrication to final shape more difficult. Following final shap-
ing, implants are ground and polished to a desired surface finish and then given a
‘passivation treatment’ using a recommended procedure (e.g., exposure to a 40%
HNO3 solution or thermal oxidation treatment – ASTM F 86).

Other grades of stainless steel are used to a lesser extent in other surgical implant
applications [7]. These include austenitic stainless steels such as types 304 and 316
(C levels up to 0.08 for the latter as opposed to 0.03 maximum for 316L) in wire
form for surgical sutures (316L is also used for this application) and for microvascu-
lar clips (for treatment of aneurysms), precipitation hardenable stainless steels (17-7
PH) and martensitic stainless steels (type 420 and 431) also for neurosurgical and
microvascular clips. Austenitic stainless steels are also used for fabricating vascular
stents as well as electrodes, conducting lead wires and pulse generator housings of
cardiac pacing systems (304, 316, 316L alloys). The fabrication of vascular stents
presents a particular challenge since these devices experience extensive change in
cross-sectional dimensions during expansion to their ‘working’ diameter in vivo.
To attain this characteristic, intricate designs that allow such extensive deformation
while keeping local strains in the metal within safe limits avoiding the danger of
extensive yielding and fracture have been developed. The stents can be formed to
these intricate designs by laser machining fine patterns into thin-walled cylindrical
tubes with highly polished surfaces [9].

2.11 Co-based Alloys

Co-based alloy implants can be formed by casting or forging, the latter using bar
or rod stock made by conventional forming of cast billets (rolling, extrusion), or
by hot isostatic pressing of Co alloy powders. Additionally, novel methods for near
net-shape formation of parts from metal powders (metal injection molding or MIM
[10]) are currently being explored. CoCrMo implant alloys all contain Cr (∼26–
30 wt%), Mo (5–7 wt%), some Ni (1 wt% maximum in order to minimize concerns
related to possible Ni sensitivity), other residual trace elements (Mn, Fe, Si, N), and
C (either low-C ∼0.05 wt% or high-C ∼0.25 wt%) (Table 2.5).

2.12 Cast CoCrMo (ASTM F 75)

CoCrMo alloys cast to a final form (high-C) are made by investment casting pro-
cedures (the lost wax process). This involves the simultaneous casting of a number
of components (e.g., femoral stem or ball components for hip implants) onto a so-
called ‘casting tree’ and then cutting components from the ‘tree’ and grinding, weld-
ing (if necessary), honing or otherwise surface finishing to achieve the final implant
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a b

c

Fig. 2.9 Scanning electron micrographs showing microstructures of (a) a polished sample of as-
cast high carbon CoCrMo alloy; note the relatively large grains, the heterogeneous composition
evident from the different response to chemical etching used to show the microstructure; the darkest
regions correspond to carbides dispersed throughout; (b) discontinuous M23C6 forming from γ-
phase grain boundary region; (c) solution annealed CoCrMo alloy (c) showing more homogeneous
structure but with some retained carbides throughout

form. The high-C alloy represents the most wear resistant clinically used metallic
biomaterial, a result of the M23C6 (mainly), M7C3, and M6C carbides (where M is
primarily Cr) that form throughout their structure during solidification (Fig. 2.9a).
The alloy, after solution treatment (see below), displays a high rate of work harden-
ing [11]. This also may contribute to the alloy’s excellent wear resistance as a result
of localized hardening of the surrounding Co-based matrix phase during functional
loading. The alloy melts between 1350 and 1450 ◦C depending on its exact compo-
sition and forms a typical as-cast, cored structure on solidification with the major
phase being face-centered cubic (fcc) austenite designated as either γ- or α-phase
in the literature and the interdendritic zones being enriched in Cr, Mo, and C. The
γ-phase forms at temperatures above 890 ◦C while a hexagonal close-packed (hcp)
structure is stable below this temperature. However, because of the sluggish nature
of the fcc to hcp transformation, a metastable fcc phase is normally retained to room
temperature. Subsequent aging at below 890 ◦C or extensive mechanical deforma-
tion temperatures below 890 ◦C results in the formation of either faulted fcc zones
(stacking faults or regions where the ABCABC stacking sequence to form an fcc
structure is altered to ABABAB stacking forming hcp zones within the fcc phase),
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or hcp bands (formed by martensitic phase transformation). Aging at between 650
and 850 ◦C favors M23C6 precipitation in the hcp zones but while this does increase
yield strength, it also reduces the material’s ductility to unacceptable levels, making
such an aging treatment impractical [12]. As already noted, during solidification,
a highly cored structure develops with interdendritic Cr-, Mo- and C-rich regions
forming extensive carbide networks and other brittle intermetallic phases (σ-phase)
that result in low ductility. (Figure 2.10 represents a pseudobinary phase diagram
that predicts the formation of the heterogeneous, cored structure during normal
cooling from the melt.) To homogenize partially the structure, the as-cast alloy is
treated with a short (∼1 h) solution anneal at between 1200 and 1225 ◦C (below
1235 ◦C since this corresponds to a eutectic melting temperature for the Cr-, Mo-,
C-enriched interdendritic regions and heating above this temperature would result in
local melting of the Cr-, Mo-, C-rich zones [13] Fig. 2.10). Following the solution
anneal, the alloy is cooled rapidly through the 1100–800 ◦C temperature range to
avoid precipitation of embrittling M23C6 carbide networks. These can form as dis-
continuous carbide precipitates nucleated at and growing out from grain boundaries
if sufficient time is allowed (Fig. 2.9b). The 1 h solution anneal treatment results in
only partial homogenization of the cored structure but sufficient to give acceptable
ductility (11–17% elongation). Some carbide dissolution does occur but enough of
the hard carbide regions are retained to provide desired wear resistance (Fig. 2.9c).
The major disadvantage of the cast and solution annealed CoCrMo alloy is its

Fig. 2.10 Pseudobinary phase diagram showing a eutectic point at 1235 ◦C. The vertical dashed
line corresponds to an alloy with a C-content that on sintering at 1300 ◦C and rapid cooling would
result in a:b relative ratio of carbide to γ-phase. Slow cooling from 1300 ◦C to below the eutec-
tic temperature would result in this ratio approaching c:d (the ratio at the eutectic temperature
assuming equilibrium)
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Table 2.6 Mechanical properties of CoCr and Co-Ni alloys after different treatments

Process description σyield (MPa) σult (MPa) % elong σfatigue (107)

CoCrMo alloys
F 75 – cast + solution annealed 450–530 655–890 11–17 207–310
F 75 – cast + porous-coated ∼490 ∼735 ∼11 150–207
F 799 – forged (low C) 875–995 1320–1450 19–26 670–800
F 799 – forged(low C) + P-C ∼410 ∼815 ∼33 –
F 799 – forged (high C) ∼1175 ∼1510 ∼10 –
F 799 – forged (high C) + P-C 600–840 1030–1280 ∼18 ∼240
P/M D-S (as-forged) 840 1280 – 690–895
P/M D-S + P-C – – – 345

Co-Ni Alloy (MP35N) – F 562

Annealed (1050◦C) 300 800 40 340
Cold-worked (50% red in area) 650 1000 20 435
Cold-worked + aged 1900 2050 10 405

Other Co Alloys

F 1058 c-w + aged (wire) 1240–1450 1860–2275 – –
F 563 c-w + aged 827–1172 1000–1310 12–18 –

relatively low mechanical properties (other than wear resistance) (Table 2.6). This
is due to the coarse grain structure (>hundreds of microns and up to the millimeter
size range), inherent casting defects and shrinkage porosity resulting upon solidifi-
cation and relatively slow cooling of the castings. In addition, the carbides that are
retained after the solution anneal, while beneficial for wear resistance, create sites
for easy crack initiation and, if distributed to form networks along grain boundaries,
easy crack propagation pathways. Internal porosity (shrinkage pores) can be elimi-
nated by hot isostatic pressing (HIP), thereby improving properties. HIP treatment
has been reported to successfully improve poor quality castings but, not surpris-
ingly, it does not significantly benefit already sound castings. However, this process
does not heal surface connected defects so these can still act as preferred sites for
early crack initiation. Corrosion resistance, as with the stainless steels, is depen-
dent on the formation of a passive Cr and Mo-containing oxide. This passive oxide
layer is normally formed by nitric acid solution treatment as a final step in implant
manufacture (ASTM F 86).

2.13 Wrought CoCrMo (Low- and High-Carbon)
(ASTM F 799, F 1537)

Warm or hot forging of cast CoCrMo billets can result in significantly higher
mechanical properties. Such thermomechanical treatment was applied initially only
to low C-containing alloys (C ∼0.05 wt%). The lower carbon content results in
fewer and smaller carbides throughout the structure thereby improving the alloy’s
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formability but at the cost of reducing wear resistance. For hot forging, billets are
heated to temperatures between 1000 and 1150 ◦C. Re-annealing at stages during
the forging process is used in order to prevent edge cracking during deformation.
Final implant shapes can be achieved using closed-die forging and a series of forg-
ing and re-annealing steps. A lower temperature finish forging operation, as with
the stainless steel alloys, is used to achieve a degree of strain hardening of the alloy
and a final form with desirable mechanical properties. Yield, ultimate and fatigue
strengths are significantly higher than for the high-C, cast alloy despite the lower
carbide content. This is a result of the much finer grain size, possible stacking fault
or hcp band formation, and strain hardening due to the lower temperature work-
ing operation all of which contribute to increased resistance to dislocation glid-
ing and, hence, higher yield and fatigue strengths (Table 2.5). As noted in Table
2.6, the fatigue endurance limit for hot-forged, low-C CoCrMo alloy is greater
than 600 MPa. The wear resistance of the low-C alloy is poor compared with the
higher-C cast alloy thereby negating its use for femoral ball or other surface bearing
components.

Closed-die forging of high-carbon CoCrMo alloys is also possible although the
procedures for doing this are difficult and very close control on forging and re-
annealing stages is necessary. The result is a fine-grained and strain-hardened alloy
with the additional benefit of the break-up of larger carbides formed during solidi-
fication. This gives a high strength alloy with good wear resistance due to the finely
distributed carbides throughout the structure. Whether cast or high-C wrought Co-
based alloys provide superior wear resistance remains controversial. The fine car-
bide distribution does allow improved surface finishing of components and this may
contribute to better wear characteristics although supporting evidence based on long
term clinical comparisons has not been reported.

Fine-grained, high-C bar stock that is suitable for subsequent closed-die forg-
ing to final shape can also be formed using a powder metallurgy processing route.
By this method, high carbon CoCrMo alloy powders are formed by atomization
(either by inert gas atomization or by a rotating electrode process [8]). The powders
so formed represent very rapidly solidified ‘micro-castings’ so that while retaining
carbides and a cored structure (like the cast alloy), these are small and finely dis-
tributed throughout the atomized powder (Fig. 2.11). After atomization, the pow-
ders are sized by screening and then consolidated to full density by placement in
a suitable containment vessel that is evacuated, sealed and hot isostatically pressed
(at around 1100 ◦C for 1 h at 105 MPa pressure) or hot forged, to form full density
CoCrMo alloy. During the period at elevated temperature, some grain coarsening
occurs but it is limited in extent because of the grain growth inhibition effect of the
finely distributed carbides. A dispersion strengthened powder-made alloy formed
by adding La and Al to the melt stock prior to atomization resulting in additional
finely-dispersed La and Al oxide particles throughout the HIP’ed alloy has been
reported [14]. The rationale for introducing these finely-dispersed oxides in this
case is to inhibit grain growth during a subsequent high temperature sinter anneal
treatment that is used for forming a sintered porous surface coating on the implants;
this process is described further in the Surface Modification of CoCrMo Implants
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Fig. 2.11 Scanning electron
micrograph of ground and
polished atomized CoCrMo
powder showing the fine
cored microstructure within
the powder a result of the
relatively rapid cooling rate
during atomization

section. The containment vessel outer layer is subsequently removed from the dense
compact yielding a fine-grained CoCrMo alloy containing finely distributed car-
bides. The fine microstructure of the resulting bar allows easier hot or warm forging
to a near final form, (compared with coarser-structured alloys). Implants of rela-
tively high strength, with good honing and polishing characteristics and good wear
resistance can be formed using this metal powder-formed material.

Other novel methods such as metal injection molding (MIM) are being investi-
gated for forming near final shapes from CoCrMo alloy powders [10]. The process
involves mixing fine atomized powders with an organic binder, and extruding the
resulting slurry to form pellets. These are then treated to remove the binder using
a solvent and thermal decomposition during heating to the final sintering tempera-
ture that is just below the alloy’s melting temperature (1340–1380 ◦C). (It is likely
that some liquid phase contributes to sintering during this treatment as a result of
localized melting of Cr-, Mo-, C-rich regions above the 1235 ◦C eutectic tempera-
ture). The sintered material is then hot isostatically pressed to remove any remaining
porosity and annealed at just above 1200 ◦C to minimize carbide networks by partial
carbide dissolution. This results in increased ductility.

The strengthening mechanisms for the CoCrMo alloys include solid solution
strengthening, dispersion strengthening (because of the fine M23C6 carbides and
La and Al oxides, if present), carbide phase reinforcement [11], strain hardening
(for the wrought alloys), and dislocation-grain boundary interactions. The coarse-
grained cast structures exhibit ultimate and yield strengths ∼860 and 550 MPa
respectively with fatigue strengths ∼250 MPa for samples in the solution-treated
condition; fatigue strengths of 450 MPa have been reported using casting processes
that result in ultrafine grain size [15]. The finer structure and strain hardening
effects of the wrought alloys result in much higher ultimate tensile strengths (1330–
1450 MPa), yield strengths (960–1000 MPa), and fatigue strengths (107 endurance
limit ∼690–830 MPa) [15]. These values are similar to those reported for the
powder-made bar stock materials formed by hot isostatic pressing (HIP) [16].
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2.14 Surface Modification of CoCrMo Implants – Porous
Coatings for Bone Ingrowth

To achieve secure implant-to-bone fixation without the use of acrylic bone cement,
cast CoCrMo implant surfaces can be modified by either sintering CoCrMo pow-
ders to the bone-interfacing surfaces or plasma spray coating the surfaces [17, 18].
For the sintered coatings, typically 250–350 μm size powders (–45/+60 mesh) are
used to form porous coatings of approximately 50–70% density (i.e., vol.% poros-
ity ∼30–50%). Secure particle-to-particle and particle-to-substrate core bonding is
achieved by sintering CoCrMo alloy powders at around 1300 ◦C for a period of
1 h or so. This high temperature sintering anneal significantly alters the microstruc-
ture and mechanical properties of both cast and wrought CoCrMo alloys. As noted
previously for cast alloys, localized melting of the Cr-, Mo-, C-rich interdentritic
zones occurs at approximately 1235 ◦C, the eutectic temperature for the solute-
enriched interdentritic region [13]. Upon cooling, eutectic phase structures, (γ-phase
+ M23C6 carbides + possibly some σ-phase), form inter- and intragranularly (Fig.
2.12a,b). These eutectic structures form as networks at sinter neck regions and along
the solid substrate grain boundaries where they form pathways for easy crack propa-
gation thereby resulting in reduced ductility and fracture resistance of porous-coated
implants (Fig. 2.12). This undesirable effect can be minimized by slow cooling from
the normal sintering temperature (∼1300 ◦C) to below the incipient eutectic melting
temperature (1235 ◦C) [8, 18] thereby minimizing the amount of γ-phase + carbide
eutectic formed at the eutectic temperature as predicted by the lever rule (see Fig.
2.10). While early use of sintered porous coatings was limited to cast CoCrMo com-
positions because of concerns of recrystallization and grain growth during sintering
of wrought CoCrMo alloys leading to low strength, the development of high-C and
dispersion strengthened wrought Co-based alloys with fine non-metallic dispersoids
throughout that inhibit grain growth (i.e., carbides or Al and La oxides) has made it

a b

Fig. 2.12 Scanning electron micrographs of polished CoCrMo samples following a 1300 ◦C 1 h
sinter annealing treatment followed by a normal furnace cool to room temperature showing (a)
grain boundaries with eutectic structure (M23C6 + γ-phase primarily) and (b) higher magnification
view of the grain boundary microstructure; the lamellar eutectic structure of M23C6 + γ-phase
lamellae is clearly visible
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practical to porous coat these alloys and retain relatively small grains (60–150 μm
size range). Further, the more homogenous compositions of the wrought alloy sub-
strates reduces significantly the amount of M23C6-γ-phase eutectic formation. As
a result, higher mechanical properties of wrought high-C Co alloy porous-coated
samples can be achieved (fatigue strengths equal to 241 MPa compared to 207 for
porous-coated cast samples [14]; La and Al oxide dispersion strengthened porous-
coated alloys are reported to have higher fatigue strengths equal to 345 MPa [16]).

2.15 Other Co-containing Implant Alloys (ASTM F 562,
F 90, F 563, F 1058)

While the CoCrMo alloys described above represent the most common Co-based
alloys used in orthopedics, other Co-containing implant alloys have been and con-
tinue to be used [7]. These are described briefly. All these contain alloying elements
that significantly affect the nature of the fcc to hcp transformation of these alloys.
This in turn has a strong effect on their properties. Cr, Mo, W, and Si are elements
that stabilize the hcp phase while C, Ni, Mn, and Fe are fcc phase stabilizers. MP35N
(F562 – Tables 2.5 and 2.6) contains 33–37 wt% Ni, an equal amount of Co and
somewhat less Cr (19–21 wt%) compared with the F75 alloy. The high Ni content
stabilizes the hcp phase so that at temperatures between 425 and 650 ◦C, a two-phase
fcc (γ) + hcp (ε) equilibrium structure can form. However, mechanical working and
the associated strain energy is required to nucleate the ε-phase at this lower temper-
ature. The exact thermomechanical treatment used determines the size and distri-
bution of the resulting hcp bands that form and, hence, the degree of strengthening
that results due to the interaction of dislocations with the γ–ε interphase bound-
aries throughout the structure. To maintain acceptable corrosion resistance, MP35N
has a higher Mo content than the CoCrMo alloys in order to compensate for its
reduced Cr content. The higher Mo also can contribute to further strengthening of
the alloy since on annealing in the 425–650 ◦C range, an intermetallic compound,
Co3Mo precipitates within the hcp zones. As shown in Table 2.5, the MP35N can
develop very high fatigue strengths, a feature that made it particularly attractive for
forming hip implant components. However, concern over its high Ni content and the
reported occurrence of Ni-sensitivity in a significant percentage of the general popu-
lation has limited its use for joint replacement implants although it remains popular
for fabrication of fracture fixation (temporary) implants as well as conducting leads
of cardiac pacing systems.

Other Co-based alloys that are used in implant applications include Elgiloy
(ASTM F-1058) and the W-containing alloys (ASTM F-563) (Tables 2.5 and 2.6).
Elgiloy is renowned for its high springback qualities when highly cold-worked,
a property that makes it attractive for fabrication of neurosurgical and vascular
implants (neural aneurysm and microvascular clamps) as well as conducting leads
for pacemakers. The W-containing CoCrNi alloy (ASTM F-563) has been used for
making fracture fixation implants. These alloys are not as corrosion resistant as



2 Metallic Biomaterials 67

some of the Mo-containing Co-based alloys and they are strengthened primarily
through work hardening. The common characteristic that all these Co- and CoNi-
based alloys share in terms of response to thermomechanical treatment is the slug-
gish fcc to hcp transformation at relatively low transformation temperatures.

2.16 Titanium-Based Alloys

Titanium and its alloys have been used increasingly for fabrication of orthopedic
implants (for fracture fixation and joint replacement) since the late 1960 s. They
are also used virtually exclusively for forming endosseous dental implants, another
mechanically-loadedapplicationrequiringimplantswithgoodfatigueresistancechar-
acteristics. The increasing use of Ti-based metals, in addition to their good fatigue
resistance, is attributed to their excellent in vivo corrosion resistance, a feature related
to the stable passive oxide layer (TiO2) that rapidly forms, their lower elastic moduli
compared to other metallic biomaterials (100–110 GPa compared to 200–220 GPa),
and their strongosseointegration tendency (i.e., developmentofclosebone-to-implant
apposition after short implantation periods). This latter characteristic represents an
important advantage for permanent bone-interfacing implants.

Pure Ti is body-centered cubic (β-phase) at temperatures above 883 ◦C (the
β-transus temperature) and hexagonal close-packed (α-phase) at lower tempera-
tures (Fig. 2.13). Addition of most other elements stabilizes either one phase or

Fig. 2.13 Ti alloy equilibrium
pseudobinary phase diagram.
With increased β-stabilizer
element additions, an (α + β)
structure develops, above βc a
metastable β-phase is possible
and above βs only stable
β-phase results. The Ms line
represents temperatures below
which martensite can form
depending on the cooling
rate used
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the other. α-Stabilizers include Al, O, N, and C while β-stabilizers are of two types,
β-isomorphous (Mo, V, Nb and Ta) and β-eutectoid (Fe, W, Cr, Si, Ni, Co, Mn and
H) [19, 20]. β-Isomorphous Ti alloys have attracted interest for implant applications
more recently because of the low elastic moduli that are possible with these alloys
if appropriately processed. The elements Zr and Sn that are found in some Ti alloys
are considered to be ‘neutral’ alloying elements with no significant effect on either
α- or β-phase stabilization.

The major disadvantage of Ti and its alloys is their very poor wear resistance.
This makes them unsuitable for load-bearing articulating surfaces without some type
of surface modification to give greater wear resistance. This can be achieved either
through ion implantation (with N+) or TiN film application using one of a number
of physical vapor deposition (PVD) procedures. With the introduction of modular
hip implant designs this has become less of an issue since, with such designs, it
is possible to combine a more wear resistant bearing component made of either a
Co alloy or a ceramic (Al2O3 or Phase Stabilized ZrO2) with a Ti alloy stem, for
example, to form a hip joint replacement with good wear and fatigue resistance.
The issue, nevertheless, remains a concern since modular designs of necessity will
have intercomponent junctions where relative movement and fretting can occur.

2.17 Commercial Purity Ti

Unalloyed Ti (commercial purity or CP Ti) can contain small amounts of interstitial
elements including O, N and H. While the quantities are small (Table 2.7), they
affect mechanical properties through interstitial solid solution strengthening [7]. CP
Ti is available in four grades, Grade I having the lowest O content and yield strength
but highest ductility and Grade IV the highest O content and strength but lowest
ductility. The Grade III and IV types are used for fabricating implants for use in
osteosynthesis (fracture repair and spinal fusion) but the mechanical strength (low
fatigue strength in particular) precludes their use for joint replacement prostheses.
CP Ti is used, however, for endosseous dental implants where its characteristic of
promoting rapid osseointegration makes it particularly attractive. This is believed
to be due to OH– ion incorporation within the passive TiO2 layer and reaction of
the resulting hydroxylated surface zone with bone mineral phase constituents (Ca2+

and (PO4)3–). Strain hardening during mechanical forming of parts, its fine grain

Table 2.7 Interstitial element limits and mechanical properties for CP Ti (Grades 1–4)

Grade O (max) N (max) H (max) σyield (MPa) σult (MPa) % elong

1 0.18 0.03 0.015 170 240 24
2 0.25 0.03 0.015 275 345 20
3 0.35 0.05 0.015 380 450 18
4 0.40 0.05 0.015 483 550 15
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Fig. 2.14 Scanning electron
micrographs of CP Ti. The
structure is single phase.
Grain and twin boundaries
can be seen

size, and interstitial solid solution strengtheners such as oxygen and nitrogen are
responsible for strengthening CP Ti (Fig. 2.14).

2.18 (α + β) Ti Alloys

Alloying of Ti is used to form a two-phase (α + β) alloy of higher strength (yield,
ultimate and fatigue) than CP Ti while maintaining excellent corrosion resistance
and osseointegration tendency, again because of the TiO2/OH surface film that
rapidly forms.

The (α + β) Ti alloy with the longest history of use for major load-bearing
applications is Ti6Al4V alloy with Ti6Al7Nb and Ti5Al2.5Fe being more recent
alternatives that are similarly processed giving similar properties. All three alloys
behave equally well in clinical use. Bar stock of these alloys is formed by
thermo-mechanical processing (mill-annealing) giving high fatigue strength mate-
rials (Table 2.8). Combined with their excellent corrosion resistance, implants
made from these alloys display superior corrosion-fatigue properties compared to
other metallic biomaterials. The mechanical properties of the (α + β) Ti alloys,
fatigue strength in particular, are strongly dependent on size and distribution of
the α and β phase regions [8]. The so-called mill-annealed treatment (see below)
results in the formation of small, equiaxed α grains surrounded by β-phase particles
(Fig. 2.15a). This microstructure (developed initially for aircraft/aerospace appli-
cations) results in superior fatigue crack initiation resistance and excellent high
cycle fatigue strength. The mill annealing process involves mechanically working
the alloy to desired form at a temperature just below the β-transus temperature,
rapid cooling (water quenching) to room temperature and then annealing to recrys-
tallize the worked structure at around 750 ◦C (i.e., well within the α + β two-phase
field). The rapid quenching treatment results in the formation of α, and a metastable
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Table 2.8 Mechanical properties of Ti alloys

Alloy E(GPa) σyield(MPa) σult(MPa) % elong σfatigue (107)

α–β Alloys
Ti-6Al-4 V 110 860 930 10–15 610–625
Ti-6Al-7Nb 105 795 860 10 500–600
Ti-5Al-2.5Fe 110 820 900 6 580

β/Near-β alloys

Ti-12M0-6Zr-2Fe (TMZF) 74–85 1000–1060 1060–1100 18–22 525
Ti-15M0-2.8Nb-0.2Si-0.26 (21SRx) 83 945–987 980–1000 16–18 490
Ti-35.5Nb-7.3Zr-5.7Ta (TNZT) 55–66 793 827 20 265
Ti-13Nb-13Zr 79–84 863–908 973–1037 10–16 500

a b

Fig. 2.15 Microstructure of Ti6Al4V alloy; mill-annealed condition (a) – light regions are α-phase
and darker zones are β-phase regions; β-annealed condition (b) showing the lighter appearing
a-lamellae separated by β-phase lamellae. Note also the domain structures (zones within a single
grain with α to β formed on different habit planes, i.e., same α to β orientation relation but involving
planes in a different crystallographic orientation)

α′-phase as well as the retention of some β-phase; α′ forms by a martensitic trans-
formation mechanism. The 750 ◦C anneal, in addition to recrystallizing the worked
structure, also results in the transformation of α′ to the stable α-phase. The amounts
of α and β, as well as the size and distribution of these phases is dependent on
the extent of mechanical deformation during component forming at near the tran-
sus temperature, the exact forming temperature and the recrystallization treatment.
Fatigue strengths greater than 650 MPa (107 endurance limit) can be achieved.

The excellent corrosion resistance of Ti6Al4V makes it an attractive choice
for forming high surface area, porous-coated or other surface-textured orthope-
dic implants either by sintering Ti or Ti alloy powders or fibers to the surface of
machined substrates or by plasma spray deposition of Ti. Porous coatings formed
by sintering the Ti-based materials involve sintering in a high vacuum or other non-
oxidizing atmosphere at temperatures above 1250 ◦C for 1 h or so followed by fur-
nace cooling to room temperature. This so-called β-anneal treatment results in a
microstructure consisting of a lamellar (α + β) structure with ‘colonies’ of lamel-
lae forming within prior β grains (Fig. 2.15b). Because of the higher annealing
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temperature within the β-phase field (more than 250 ◦C above the α–β transus tem-
perature), large β grains form. The ‘colonies’ that form throughout the structure
represent zones in which the α and β lamellae are oriented in different directions but
all with a common crystallographic α-to-β orientation relation (i.e., lamellae form
on common ‘habit’ planes in the different colonies). The presence of these colonies
and colony boundaries contributes to the strengthening of the alloy. However, the
fatigue strength of the β-annealed samples is lower than for mill-annealed samples
(i.e., 107 fatigue endurance limit of smooth-surfaced β-annealed samples ∼550 MPa
compared to 620 MPa for mill-annealed samples [8, 21]. Of far greater consequence
to fatigue strength is the effect of the porous coating per se [21]. It results in a
reduction of fatigue strength to about a third (i.e., from 600 MPa to approximately
200 MPa). This is due to the notch fatigue sensitivity of hcp metals in general and
specifically to Ti and other α-phase-containing Ti alloys. The sinter neck-substrate
junctions of the sintered porous layer represent stress concentrators at which fatigue
can readily initiate. Design and use of porous-coated Ti6Al4V components must
take into consideration this reduced fatigue strength. Some femoral hip stem com-
ponents are made with porous coatings on all but the lateral stem surface since
the highest tensile stress (stresses primarily responsible for fatigue crack initiation)
is expected to occur at this surface during normal functional loading of implants.
Plasma spray deposition of Ti to form a textured surface suitable for cementless
implant fixation is possible without significantly altering the mill-annealed implant
core microstructure since the temperature within the alloy bulk remains low. Never-
theless a similar reduction in fatigue strength does occur since the resulting surface
is irregular with many sites of surface stress concentration.

2.19 β-Ti and Near β-Ti Alloys

These alloys have higher levels of β-stabilizing elements, Mo displaying one of
the strongest effects. A number of β-Ti alloys that have been developed for use
in orthopedic implants are listed in Table 2.8. These alloys are characterized by a
Mo equivalent >10. This is calculated by using different weighting factors for the
elements added in forming the Ti alloy (i.e., Mo equiv = 1.0 (wt% Mo) + 0.67
(wt% V) + 0.44 (wt% W) + 0.28 (wt% Nb) + 0.22 (wt% Ta) + 2.9 (wt% Fe) + 1.6
(wt% Cr) + . . . [22]). While the Young’s moduli of Ti and the (α + β) Ti alloys are
significantly lower than those of CoCrMo or stainless steel alloys (∼110 compared
to 220 and 200 GPa respectively), they nevertheless are 5–10 times greater than
the modulus reported for cortical bone (10–20 GPa). The issue of stress shielding
of bone next to well-fixed CP Ti or (α + β) Ti alloy implants is a concern in the
case of long-term load-bearing implant use (although less so than with the higher
modulus Co-based or stainless steel alloys). The β and so-called near-β Ti alloys if
appropriately processed exhibit significantly lower elastic moduli (values as low as
44–51 GPa for water-quenched and cold-worked Ti-13Nb-13Zr, a near-β alloy [23]).
These alloys if appropriately processed display good formability, high hardenability,
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excellent corrosion resistance, and better notch sensitivity than the (α + β) Ti alloys.
Annealing results in higher strength as a result of precipitation strengthening but this
also results in an increase in modulus [20].

β-Ti alloys are characterized by retention of 100% β-phase on cooling from above
the β-transus [22]. Considering the pseudobinary phase diagram of Ti + β-stabilizer
alloying additions (Fig. 2.13), a metastable β-phase is retained on cooling from
above the β-transus if the β-stabilizer content is greater than βc and less than βs. For
levels greater than βs, β-phase represents the equilibrium structure. The metastable
β structures are characterized by low elastic modulus (55–75 GPa) but relatively low
fatigue strength (e.g., 107 fatigue endurance limit ∼265 MPa for the Ti-35Nb-5Ta-
7Zr alloy (TNZT) (Table 2.8). As noted above, annealing the metastable β in the
two-phase (α+ β) field region results in some α-phase precipitation and an increase
in strength but also a rise in elastic modulus to values approaching or just above
100 GPa (dependent on the amount of α-phase that forms).

Ti-13Nb-13Zr is an example of a so-called near β-Ti alloy [23]. Rapid cooling
(water quenching) this alloy results in suppression of the β-transus temperature to a
low enough temperature (<575 ◦C) to cause formation of acicular α′ martensite, an
hcp phase formed by a displacive transformation. This structure is characterized by
a Young’s modulus ∼64–77 GPa (Table 2.8). Subsequent annealing in the (α + β)
two-phase field (500 ◦C for 6 h – an aging heat treatment) causes the acicular α′ to
coarsen and fine β-phase precipitates to form throughout, resulting in higher strength
(because of precipitation strengthening) with an associated increase in elastic mod-
ulus to about 81 GPa. Heavy cold-working of α′ martensite is possible and results
in the formation of a lower modulus material (∼45 GPa) with strength even greater
than water-quenched and precipitation hardened material while maintaining good
ductility. Surface hardening for improved wear resistance can be achieved by aging
(at 500 ◦C, for example) in an oxygen-containing environment [23]. This is due
to the formation of a hard surface oxide layer as well as interstitial solid solution
strengthening of the subsurface region (diffusion hardening).

2.20 Zr-Nb Alloy

Zirconium, like titanium, is a highly reactive metal and will form a dense cohe-
sive surface oxide layer (ZrO2) spontaneously on exposure to an oxygen-containing
environment. In addition to the resulting corrosion protection, ZrO2 is very hard and
can be used to form a good wear resistant surface assuming sufficient layer thick-
ness. A Zr-2.5Nb alloy, developed initially for nuclear industry applications, when
annealed in an oxygen-containing atmosphere at 500 ◦C develops a relatively thick
(5 μm) monoclinic ZrO2 layer over the alloy substrate [24]. The underlying alloy
consists of a two-phase (α + β) structure with the dominant phase being hcp α with
a small percentage of bcc β phase distributed throughout. Following the 500 ◦C sur-
face oxidation treatment, the sub-oxide alloy zone is also hardened through oxygen
diffusion into the lattice (interstitial solid solution strengthening). Surface oxidized
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Zr-Nb alloy is used for making orthopedic components that are primarily intended
for compressive loading and resisting wear (such as femoral hip implant and knee
implant components). The structure offers the advantage over whole ceramic com-
ponents such as Al2O3 or phase-stabilized ZrO2 of reducing risks of catastrophic
fracture as a result of rapid crack initiation and propagation within the ceramic
phase since the ZrO2 layer is reinforced by a Zr-Nb alloy body. Clinical outcomes
of implants using this novel system are being followed with great interest.

2.21 Ni-Ti Alloys (Nitinol)

The equiatomic Ni-Ti alloy (Nitinol) is used currently in orthopedic, dental and
cardiovascular applications [25]. The shape-memory effect that the alloy displays
as well as its reported good corrosion resistance (the result of a TiO2 passive sur-
face layer) and its pseudoelastic property (E ∼28–41 GPa for the martensitic phase)
has attracted considerable interest in the biomaterials field in recent years. In vivo
studies have indicated that the material is biocompatible despite its high Ni con-
tent [26, 27]. However, the concern over long-term consequences of even minor
amounts of Ni ion released are likely to limit its use. Published reports indicate that
with proper processing, corrosion properties comparable to 316L stainless steel are
achievable [28–30] so that use in limited term applications such as fracture fixation
is practical.

The shape memory effect is due to the thermoelastic martensitic transformation
that occurs with the Ni-Ti shape memory alloys. Cooling from a high temperature
(i.e., above body temperature for some Ni-Ti-based alloys), to a lower temperature
results in the transformation of the austenite phase (an ordered intermetallic com-
pound with a distorted bcc unit cell structure – a result of the ordering of Ni and Ti
atoms giving a so-called B2 unit cell structure) to martensite. The transformation is
isothermal with most of the phase change occurring over a fairly narrow temperature
range between Ms and Mf. The temperature at which the austenite-to-martensite (or
reverse) transformation occurs is dependent on the exact composition of the alloy.
The Ni-Ti intermetallic compound, unlike most other intermetallic compounds, has
a moderate range of solubility for excess Ni or Ti as well as other elements and
this allows ‘engineering’ of the critical transformation temperatures (Ms, Mf, As

and Af). Thus, it is possible to develop shape memory alloys (SMAs) with transfor-
mation temperatures corresponding to body temperature. The austenite-martensite
transformation can also be induced by mechanical deformation. While the overall
change in shape due to cooling of austenite is minor due to the formation of a num-
ber of counteracting twin variants that develop thereby minimizing the overall shape
change, as discussed previously, stress-induced martensite results in the develop-
ment of a preferred twin variant. This involves a so-called detwinning reaction in
which a twin variant preferentially oriented in the principal strain direction grows
at the expense of other twins resulting in significant volume and net shape changes.
If this shape change is constrained, appreciable stress can develop in the material
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and this stress can be transferred to adjacent tissues, for example, (assuming secure
anchorage of tissue to the Ni-Ti component). By way of example, a fracture fixation
staple made of Nitinol, if deformed in the martensitic state (i.e., at room temper-
ature) and then used to unite fractured bone fragments, will exert a strong force
pulling the fragments together as it warms up in the body to above its Af tempera-
ture and reverts to its prior austenitic shape. Other applications have been proposed
in orthopedics including other fracture fixation devices, spinal rods for treatment of
scoliosis, cages for use during spinal fusion and even self-locking joint replacement
components [29].

Wires formed of Nitinol are used currently in orthodontics although, in this appli-
cation it is the alloy’s pseudoelasticity that makes it so attractive. SMAs are also
used for cardiovascular stents where the pseudoelastic feature facilitates stent expan-
sion/deployment following insertion into an artery. The ability to tailor the transfor-
mation temperature of Ni-Ti alloys through slight alloying modifications as noted
above is important since this allows the formation of materials and devices display-
ing this superelastic behavior at a desired temperature corresponding to expected
in-service conditions. Orthodontic wires formed from a Ni-Ti-based alloy are useful
because of the large ‘working range’ that these wires provide during force applica-
tion for tooth re-positioning.

The stress-strain curves for NiTi alloys are dependent on the Ms temperatures
with yield strengths and fatigue strengths increasing with decreasing Ms. Accurate
determination of alloy transformation temperatures is critical for the design of com-
ponents and prediction of performance.

2.22 Tantalum

Porous tantalum foam structures are used as bone augmentation templates. Ta has
been considered for many years to be biocompatible as a result of the stable tantalum
oxide (Ta2O5) that forms on its surface. The metal has a long history of use in other
implant applications such as implantable cranial plates. Ta foam structures for bone
augmentation use [31] are formed by chemical vapor deposition (CVD) and infiltra-
tion (CVI) of tantalum onto vitreous carbon lattice structures, thereby building up
Ta struts of desired dimensions. The vitreous carbon lattices are formed by pyrolysis
of thermosetting polymer foams. The Ta is deposited onto the carbon filamentous
structure to a desired thickness giving an open-pored Ta structure (approximately
99 wt% Ta + 1 wt% vitreous carbon) (Fig. 2.16). The dimensions of the Ta struts are
controlled by the amount of Ta applied and this determines the mechanical proper-
ties of the foam. Structures with compressive and tensile strengths ∼60 and 63 MPa
respectively and compressive fatigue strengths ∼23 MPa (5 × 106 endurance limit)
have been reported [31]. Continuous interconnecting pores, or cells, about 550 μm
in size, are formed and elastic and strength properties similar to those of cancellous
bone result. Animal studies [32] have demonstrated the effectiveness of these struc-
tures for bone augmentation purposes. While the as-made mechanical properties of
the foams are low, they are considered sufficient to allow bone ingrowth and filling
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Fig. 2.16 Scanning electron
micrograph of open-pored Ta
foam (courtesy Dr JD Bobyn,
McGill University, Montreal,
Canada)

of the structures after which bone is expected to eventually satisfy the load-bearing
requirements.

2.23 Platinum, Platinum-Iridium

Electrodes used for neuromuscular stimulation require the use of materials that are
corrosion resistant under extreme voltage potential and charge transfer conditions.
The noble metals (Pt and Pt-Ir alloys) satisfy these conditions and are the principal
materials used for making electrodes for electrical stimulation and sensing purposes.
The Pt-Ir alloys (10–30 wt% Ir) offer the advantage of higher mechanical properties
(scratch resistance) compared with unalloyed Pt because of solid solution strength-
ening. Other possible noble metals that have been used for fabricating electrodes for
electrical stimulation include rhodium, gold and palladium but these are not used
extensively [7]. Some non-noble metals have also been used (stainless steel, Ti, Co-
based alloys) but these are more prone to corrosion (passive film breakdown occurs
at potentials above the breakdown potential). Hence, these alloys are not as suitable
as the noble metals.

Conducting leads used with the electrodes are made of metals that, in addition
to being corrosion resistant and electrically conductive, must display good flexural
fatigue strength. Helically coiled lead wire designs are used currently to achieve
good lead flexibility and to minimize local strains during flexing thereby improving
fatigue characteristics. Stainless steel, wrought CoCrMo alloy (Elgiloy) and Co-Ni
alloys (MP35N) are popular choices for conducting leads [7].

2.24 Dental Alloys

Metals are used in dentistry for direct fillings in teeth (dental amalgams), fabricat-
ing crowns and bridges (noble metal and base metal alloys), partial denture frame-
works (base metal alloys), orthodontic wires and brackets (stainless steel, Ti alloys
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and Ni-Ti alloys) and dental implants (CP Ti and Ti6Al4V). As in the orthopedic
applications, the major advantage of metal for these dental applications is the high
intrinsic strength and fracture resistance of this class of materials. Biocompatibility
is again an important requirement since these materials also contact body tissues
(tooth structure, soft supportive tissues) often for the remainder of a patient’s life-
time although the ease of accessibility after placement relaxes the biocompatibility
requirement considerably. A number of the metals already described (as indicated
above) find application in dentistry. Dental implant materials with requirements very
similar to materials used for orthopedic joint replacement implants are made almost
exclusively from Ti and Ti6Al4V. Orthodontic wires and brackets are made of stain-
less steel (types 302, 303, 304 and 305), CoCrNiMo alloys (Elgiloy), β-Ti, and Ni-Ti
alloys (because of their low elastic moduli, high strengths and consequently large
working range, a desirable characteristic for this application).

2.25 Dental Amalgams

Dental amalgams are formed by adding Hg to dental amalgam alloys (alloys con-
taining Ag, Cu and Sn plus some other minor elemental additions) (amalgamation
process) [33]. Dental amalgam alloys are either low (Cu <6 wt%) or high Cu-
containing (Cu >6 wt%), the latter being favored because it avoids the formation
of an undesirable Sn-Hg phase (γ2) that is susceptible to corrosion and results in
lower strength properties of amalgams. Dental amalgam alloys are formed as pow-
ders either by lathe cutting Ag-Cu-Sn alloy billets (resulting in irregular particles –
i.e., machining chips) or by atomization (to give spherical powders). Subsequent
mixing of these alloy powders with liquid mercury results in their partial dissolu-
tion, complete consumption of the liquid Hg and the subsequent formation of a num-
ber of intermetallic compounds (Ag3Sn, Ag2Hg3, Sn7–8Hg, Cu3Sn, Cu6Sn5) due to
the Hg-dental amalgam alloy reactions and the condensation of the initial ‘plastic’
mass to form a load-bearing filling. During the reaction, the partially reacted pow-
der can be manipulated to fill a tooth cavity. The final amalgam restoration exhibits
reasonable mechanical properties. While susceptible to corrosion in the oral envi-
ronment, buildup of the corrosion product serves to limit the rate of further corrosion
and to form an acceptable marginal seal at the amalgam-tooth interface. The major
advantage of this material is its easy in situ formability to a desired shape. Concerns
related to Hg toxicity have been raised but, to date, these have not been proven to be
valid although the issue remains controversial.

2.26 Dental Casting Alloys – (Au-based, Co- and Ni-based,
Ti-based)

Dental casting alloys are used for making dental bridges, crowns (with porce-
lain fused to a metal substrate), inlays, onlays, and endodontic posts. Both noble
and non-noble (base) metal alloys are used to form these often complex shapes.
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Table 2.9 Dental casting alloys [7]

Alloy type Ag Au Cu Pd Pt Zn Other

High noble
Au-Ag-Pt 11.5 78.1 – – 9.9 – Ir (trace)
Au-Cu-Ag-Pd-I 10.0 75.0 10.5 2.4 0.1 1.0 Ru (trace)
Au-Cu-Ag-Pd-II 25.0 56.0 11.8 5.0 0.4 1.7 Ir (trace)

Noble

Au-Cu-Ag-Pd-III 47.0 40.0 7.5 4.0 – 1.5 Ir (trace)
Au-Ag-Pd-In 38.7 20.0 – 21.0 – 3.8 In 16.5
Pd-Cu-Ga – 2.0 10.0 77.0 – – Ga 7.0
Ag-Pd 70.0 – – 25.0 – 2.0 In 3.0

Base metal Ni Cr Co Ti Mo Al V Other

Ni-Cr 69–77 11–20 – – 4–14 0–4 – Fe, Be, Ga, Mn, B
Co-Cr – 15–25 55–58 – 0–4 0–2 – Fe, Ga, Nb, W, B, Ru
Ti – – – 90–100 0–4

Requirements include sufficient strength, toughness, wear resistance, corrosion
resistance and biocompatibility. The noble metal alloy compositions are primar-
ily Au- or Pd-based with alloying additions of Ag, Cu, Pt, Zn and some other
trace elements. These can be divided into ‘high noble’ alloys (noble metal con-
tent ≥60 wt%) and ‘noble’ alloys (noble metal content ≥25 wt%) [7]. Some of the
Au-based alloys are heat treatable with precipitation hardening or order-disorder
reactions (similar effect to precipitation hardening for some alloys) contributing
to increased strengths. The base (non-noble) metal alloys contain ≤25 wt% noble
metal elements and are either CoCr or NiCr alloys (Table 2.9). Cast Ti components
for crowns, partial and complete dentures, while limited because of difficulties asso-
ciated with casting because of the high melting point of Ti (compared to Au-based
dental alloys), its high reactivity, difficulty in surface finishing and other problems,
can be made (using special vacuum melting and casting equipment) but it is not com-
mon. Such cast Ti components are useful, however, for individuals with allergies to
Ni- or Co-based alloys. Cast Ti-based alloys are also possible including Ti6Al4V,
TiCuNi, TiV, TiCu, TiPd and TiCo alloys (some of these are still in the experimental
stage of development). To satisfy esthetic requirements for dental crowns, porcelain-
fused-to-metal (PFM) restorations are made with the silicate-based porcelains being
bonded to a cast metal substrate. Attainment of good bonding of porcelain to the
dental alloy substrate is achieved through micromechanical interlock and interfa-
cial chemical reactions, the latter usually involving a substrate surface oxide react-
ing with the porcelain coating. Compatible thermal expansion coefficients of metal
coping and porcelain cladding materials are important to ensure slight residual com-
pressive stresses in the porcelain for inhibition of cracking. Corrosion resistance of
the underlying dental alloy is necessary to avoid unacceptable staining and discol-
oration of a PFM crown.
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2.27 Wrought Dental Alloys

As noted previously, wrought stainless steel, CoCrNi (Elgiloy), β-Ti and Nitinol
alloys are used for making orthodontic wires where high yield strength and prefer-
ably low elastic modulus provide high ‘working range’ characteristics. The require-
ment of low elastic modulus favors the selection of β-Ti and Ni-Ti alloys for
orthodontic wires although all four alloys are used at present. Wire drawing pro-
cedures result in strain hardening and high yield strengths but can be performed
such that the wires are sufficiently ductile to allow their manipulation and shaping
during placement.

CP Ti and (α + β) Ti alloys (Ti6Al4V) are used for making endosseous den-
tal implants. These components are prepared by machining shapes from bar stock
followed by appropriate surface finish operations. In order to achieve more rapid
osseointegration, implant surfaces are modified using plasma spray coating, acid
etching, grit blasting, laser ablation or addition of metal powder sintered surface
layers [34]. These additional treatments can result in final products with either
mill-annealed microstructures or, as in the case of Ti6Al4V implants with sintered
surface layers, β-annealed structures. In addition to geometric or topographic sur-
face modifications, surface chemical modifications (addition of calcium phosphate
surface layers using one of a number of possible methods) are used to promote
increased osteoconductivity resulting in faster rates of osseointegration.

2.28 New Directions

The metals and alloys used for forming biomedical implants to date have consisted
of conventional polycrystalline structures. Methods of formation, as noted previ-
ously, have involved casting, forging, milling, machining and honing, metal powder
compaction and sintering including the new approach of metal injection molding
(MIM) to form near net-shape parts, hot isostatic pressing as well as other conven-
tional metal processing methods (wire drawing, rolling, extrusion and so on). All
these result in metallic microstructures with grains in the micron to millimeter size
range. In order to achieve preferred mechanical properties grain refinement, alloy
additions, strain hardening, development of multi-phase structures and precipitation
hardening are used to achieve high strength with acceptable ductility, and fatigue
strength in particular, for highly loaded components. Wear resistance of these con-
ventional metals is dependent on the formation of hard non-metallic phases (M23C6

for example) or surface modification through ion implantation or physical vapor
deposition (PVD) of hard non-metallic surface layers. Corrosion resistance for all
but the noble metals relies on formation of stable passive oxide layers. Over the past
20–30 years there have been increasing studies on the formation of nanocrystalline
(grain size <100 nm) and amorphous (glassy) metals for various applications. Much
higher yield strength, wear resistance and corrosion resistance has been shown for
some pure metals formed with such fine microstructures. The higher strengths are
explained by the greater resistance to mechanical deformation due to inability for
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dislocation movement within the nanoscale crystals. Studies on optimizing struc-
tures to achieve high strength and hardness with a required degree of ductility
have involved the use of bimodal grain size distributions, with nanocrystalline and
some microcrystalline regions [35]. The much greater hardness of the nanocrys-
talline metals suggest their potential as surface coatings for achieving better wear
resistance than conventional alloys without the potential disadvantage of hard non-
metallic particles that might become dislodged forming hard 3rd body wear par-
ticles. Improved corrosion resistance has also been observed with nanocrystalline
metals. While the reason for this improved corrosion resistance is not fully under-
stood, it is suggested that this may be due to reduced electrochemical potentials
between anodic and cathodic zones within the nanocrystalline structures [36]. In
effect the anodic intergranular and the cathodic intragranular regions are less dis-
tinct in the refined structure so the driving potential for corrosion is reduced. More
rapid re-passivation due to the high grain boundary area has also been proposed as
a reason for the enhanced corrosion resistance.

Methods that have been reported for forming nanocrystalline and amorphous
metals and coatings involve rapid melt cooling rates (∼106 ◦C/s) through atom-
ization or melt spinning methods, extreme mechanical deformation to give heavy
mechanical deformation followed by recrystallization anneals to yield high nucle-
ation rates with limited grain growth, mechanical attrition or milling of gas atomized
powders followed by plasma spraying (for coatings), pulsed electrodeposition and
other PVD and CVD methods (for coatings and possibly bulk components). In addi-
tion to developing very fine grain structures, some of these approaches also offer
the possibility of unique non-equilibrium phases forming at room temperature. The
determination of the properties of the novel compositions and structures possible by
these methods (including their biocompatibility characteristics) presents an exciting
area for future biomaterials research.

References

1. Ashby MF and Jones DR. Engineering Materials 1. An Introduction to their Properties and
Applications, and 2. An Introduction to Microstructures, Processing and Design, Pergamon
Press: London, 1980.

2. Newey C and Weaver G. Materials Principles and Practice, Butterworth Scientific Ltd.: Guild-
ford 1990.

3. Callister WD Jr. Materials Science and Engineering: An Introduction, 6th ed, Chapter 7, John
Wiley & Sons, Inc, 2003.

4. Wayman CM and Duerig TW. An introduction to martensite and shape memory, in Deurig
TW, Melton KN, Stockel, D, and Wayman, CM, eds. Engineering Aspects of Shape Memory
Alloys, 1990, pp. 3–20.

5. Pilliar RM. Modern metal processing for improved load-bearing surgical implants. Biomate-
rials, 1991, 12: 95–100.

6. Williams DF. Corrosion of orthopedic implants, in Williams DF, ed. Biocompatibility of
Orthopedic Implants, Vol 1, chap. 6, CRC Press: Boca Raton, FL, 1982.

7. Davis JR, ed. Metallic Materials, Chapter 3, in Handbook of Materials for Medical Devices,
ASM International, Materials park, Ohio, USA, 2003.

8. Pilliar RM and Weatherly GC. Developments in implant alloys, CRC Critical Reviews in
Biocompatibility, Vol 1, 1986, pp. 371–403.



80 R.M. Pilliar

9. Sigwart U. Endoluminal Stenting, WB Saunders Co Ltd: London, UK, 1996.
10. Tandon R. Ne-shaping of Co-Cr-Mo (F75) via Metal Injection Molding, in Disegi JA,

Kennedy RL, and Pilliar R, eds. Cobalt-Base Alloys for Biomedical Applications, ASTM
STP 1365, American Society for Testing and Materials: West Conshohocken, PA, 1999,
pp. 3–10.

11. Kilner T, Laanemae WM, Pilliar RM, Weatherly GC, and MacEwen SR. Static mechanical
properties of cast and sinter-annealed cobalt-chromium surgical implants, J Mater Sci, 1986,
21: 1349–1356.

12. Taylor RNJ and Waterhouse RB. A study of aging behaviour of a cobaltbased implant alloy,
J Mater Sci, 1983, 18:3265–3280.

13. Kilner T, Pilliar RM, Weatherly GC, and Allibert C. Phase identification and incipient melting
in a cast co-Cr surgical implant alloy. J Biomed mater Res, 1982, 16:63–79.

14. Wang KK. A dispersion strengthened Co-Cr-Mo alloy for medical implants, in Disegi
JA, Kennedy RL, Pilliar R, eds. Cobalt-Base Alloys for Biomedical Applications, ASTM
STP 1365, American Society for Testing and Materials West: Conshohocken, PA, 1999,
pp. 89–97.

15. Berlin RM, Gustavson LJ, and Wang KK. Influence of post processing on the mechanical
properties of investment cast and wrought Co-Cr-Mo alloys, in Disegi JA, Kennedy RL, Pilliar
R, eds. Cobalt-Base Alloys for Biomedical Applications, ASTM STP 1365, American Society
for Testing and Materials: West Conshohocken, PA, 1999, pp. 62–70.

16. Mishra AK, Hamby MA, and Kaiser WB. Metallurgy, microstructure, chemistry and mechan-
ical properties of a new grade of cobalt-chromium alloy before and after porous-coating, in
Disegi JA, Kennedy RL, Pilliar R, eds. Cobalt-Base Alloys for Biomedical Applications,
ASTM STP 1365, American Society for Testing and Materials: West Conshohocken, PA,
1999, pp. 71–88.

17. Pilliar RM. Powder metal-made orthopaedic implants with porous surfaces for fixation by
tissue ingrowth, Clin Orthop Rel Res, 1983, 176:42–51.

18. Pilliar RM. Porous-surfaced metallic implants for orthpedic applications, J Biomed Mater res,
1987, A1:1–33.

19. Ankem S and Seagle SR. Heat treatment of metastable beta titanium alloys, in Rosen-
berg H and Boyer RR, eds. Beta Titantium Alloys in the 1980’s, AIME: New York, 1984,
pp. 107–126.

20. Long M and Rack HJ. Titanium alloys in total joint replacement – a materials science per-
spective, Biomaterials, 1998, 19:1621–1639.

21. Yue S, Pilliar RM, and Weatherly GC. The fatigue strength of porous-coated Ti-6Al-4 V
implant alloy. J Biomed Mat Res, 1984 18: 1043.

22. Bania PJ. Beta titanium alloys and their role in the titanium industry, in Eylon D, Boyer RR
and Koss DA, eds. Beta Titanium Alloys in the 1990’s, The Minerals, Metals & Materials
Soc.: Warrendale, PA, 1993, pp. 3–14.

23. Mishra AK, Davidson JA, Poggie RA, Kovacs P, and Fitzgerald TJ. Mechanical and tribolog-
ical properties and biocompatibility of diffusion hardened Ti- 13Nb-13Zr – A new titanium
alloy for surgical implants, in Medical Applications of Titanium and its Alloys: The Material
and Biological Issues ASTM STP1272, 1996, pp. 96–113.

24. Benezra V, Mangin S, Treska M, Spector M, Hunter G, and Hobbs LW. Microstructural inves-
tigation of the oxide scale of Zr-2.5Nb and its interface with the alloy substrate, in Biomedical
Materials-Drug Delivery, Implants and Tissue Engineering, Mater Res Soc Symp Proc, 1999,
550: 337–342.

25. Haasters J, v Salis-Salio G, and Bensmann G. The use of Ni-Ti as an implant in orthopaedics,
in Deurig TW, Melton KN, Stockel D, and Wayman CM, eds. Engineering Aspects of Shape
Memory Alloys, 1990, pp. 426–444.

26. Wever DJ, Veldhuizen AG, Sanders MM, Schakenrad JM, and van Horn JR. Cyto-
toxic, allergic and genotoxic activity of a nickel-titanium alloy. Biomaterials, 1997,
18:1115–1120.



2 Metallic Biomaterials 81

27. Kapanen A, Ryhanen J, Danilov A, and Tuukkanen J. Effect of nickel-titanium shape memory
alloy on bone formation. Biomaterials, 2001, 22: 2475–2480.

28. Firstov GS, Vitchev RG, Kumar H, Blanpain B, and Van Humbeeck J. Surface oxidation of
NiTi shape memory alloy. Biomaterials, 2002, 23:4863–4871.

29. Cisse O, Savadogo O, Wu M, and Yahia LH. Effect of surface treatment of NiTi alloy on its
corrosion behavior in Hanks’ solution. J Biomed Mater Res, 2002, 61: 339–345.

30. Assad M, Chernyshov AV, Jarzem P, Leroux MA, Coillard C, Charette S, and Rivard C-H.
Porous titanium-nickel for intervertebral fusion in a sheep model: Part 2. Surface analysis and
nickel release assessment. J Biomed Mater Res Pt B: Appl Biomater, 2003, 64B:121–129.

31. Zardiackas LD, Parsell DE, Dillon LD, Mitchell DW, Nunnery LA, and Poggie R. Structure,
metallurgy and mechanical properties of a porous tantalum foam. J Biomed Mater Res (Appl
Biomater), 2001, 58:180–187.

32. Bobyn JD, Stackpool GJ, Hacking SA, Tanzer M, and Krygier JJ. Characteristics of bone
ingrowth and interface mechanics of a new porous tantalum biomaterial. J Bone Jt Surg, 1999,
81-B: 907–914.

33. Phillip’s Science of Dental Materials, in Anusavice KJ, ed. Dental Amalgam: Structures and
Properties, chap 17, 10th Edition, 1996.

34. Pilliar RM. An Overview of Surface Variability of Metallic Endosseous Dental Implants: Tex-
tured and Porous surface-Structured Designs. Implant Dent, 1998, 7: 305–314.

35. Baker SP. Plastic deformation and strength of materials in small dimensions. Mat Sci Eng,
2001, 319–321: 16–23.

36. Cheng D, Tellkamp VL, Lavernia CJ, and Lavernia EJ. Corrosion properties of nanocrystalline
Co-Cr coatings. Ann Biomed Eng, 2001, 29: 803–809.



Chapter 3
Polymeric Biomaterials

Teerapol Srichana and Abraham J. Domb

3.1 Introduction

Recognition of the chemical nature of polymers began in the early 1920, when
Staudinger concluded from his research on starch, natural rubber and cellulose that
these compounds consisted of giant chains of carbon atoms (plus oxygen atoms in
the case of the polysaccharides) held together by covalent bonds. “They were truly
macromolecules.” This notion was met with disbelief and even ridicule by many of
his colleagues. Not until the 1930s, when linear polymers were synthesized, espe-
cially by W.H. Carothers in the Du Pont laboratories, did Staudinger’s concept gain
universal acceptance. The Nobel Prize in chemistry was finally given to him in 1953.

Medical devices have been employing polymers in every aspect for many years.
Typical examples are polyethylene and polyolefin bottles, polystyrene vials, rubber
closures, plastic tubing for injection sets, flexible bag of plasticized polyvinyl chloride
to hold blood and intravenous solutions. Barrels and plungers of hypodermic syringes
are made of polypropylene. In addition to polymers used as excipients, some drugs
themselves are polymers including insulin, heparin and its antagonist, protamine sul-
fate, the plasma extenders dextran, human serum albumin and bulk laxative methyl-
cellulose. Thus, it is seen that polymers are essential to all medical fields.

3.2 Nomenclature

Generally, polymers are named by either common names or by the IUPAC naming
system. The common name is given on the basis of starting monomer used for poly-
merization. According to this system, the polymer is named as a prefix ‘poly’ before
the name of monomer used written in brackets. For example, the name poly(ethylene
glycol) is derived for the polymer prepared from ethylene glycol. Similarly, the
name poly(ethylene oxide) is derived from the ring opening polymerization of ethy-
lene oxide, although it has the same chemical structure of poly(ethylene glycol).
According to the IUPAC system the polymers are named by writing the repeating
units within bracket and ‘poly’ as a prefix [1]. The common and IUPAC names of
some polymers with their monomers used are listed below:
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Table 3.1 Common and IUPAC Nomenclature of polymers

Monomer Used Common Name IUPAC Name

Ethylene Poly(ethylene) Poly(methylene)
Vinyl acetate Poly(vinyl acetate) Poly(1-acetoxyethylene)
Styrene Poly(styrene) Poly(1-phenylethylene)
Vinyl chloride Poly(vinyl chloride) Poly(1-chloroethylene)
Formaldehyde Poly(formaldehyde) Poly(oxymethylene)
Ethylene glycol Poly(ethylene glycol) Poly(oxyethylene) etc.

3.3 Biopolymer in Medical Applications

Biopolymers based on medical applications can be categorized into four groups,
namely inert, natural, bioactive and biodegradable polymers. This classification does
not clearly separate one group of polymers from the others. The first group that was
introduced into the medical field is inert polymers, which are widely used. They suit
very well with some applications that are aimed to last for a lifetime, such as breast
implant polymer. When the concern over the load of non-biodegradable polymeric
materials increases dramatically, the situation drives to the use of biodegradable
instead. In particular, if the functions of the polymers are complete, they should
be removed from the body in biomedical applications. Biomedical polymers in
medicine and surgery are currently widely used and include intracorporeal, para-
corporeal and extracorporeal applications (inside, interfacing or outside the body,
respectively). Applications are given below.

Intracorporeal (implanted) materials
Temporal devices

Surgical dressing
Sutures
Adhesives
Polymeric intermedullary nails
Polymer-fiber composite bone plates

Semipermanent devices

Tendons
Reinforcing meshes
Heart valves
Joint reconstruction and bone cement
Tubular devices
Soft tissue replacement
Interocular and contact lenses
Drug delivery implants

Complex devices

Artificial kidney/blood dialysis
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Artificial lungs/blood oxygenator
Artificial pancreas/insulin delivery system
Artificial heart

Paracorporeal or extracorporeal materials
Catheters
Blood bags
Pharmaceutical containers
Tubing
Syringes
Surgical instruments

The science and technology of polymers for biomedical applications has been
dramatic for several years. Medical polymers must adhere to very rigid standard
and must be non-toxic, non-carcinogenic, biocompatible and in no way injurious to
the biological environment.

Artificial organs and prostheses constitute some of the most valuable remedies
in present medical treatment. They have contributed immeasurably to the welfare
and health of the human race. Although the production of medical polymers is small
compared with other industrial plastics, the number of individuals who benefits from
these uses is large (Table 3.2).

Table 3.2 Medical applications of biomaterials in the United States (1983) (2002)∗ [2, 3]

Applications Number per year

Permanent implantations
Heart valve 30,000
Pacemakers 130,000∗

Vascular grafts 250,000∗

Hips prostheses 110,000
Knees prostheses 65,000
Shoulders and finger joints 50,000
Retinal surgery 35,000
Intraocular lenses 2,700,000∗

Breast prostheses 100,000
Nose and chin prostheses 10,000
Urinary incontinence 2,500
Hydrocephalus shunts 21,500

Intermediate applications
Contact lenses 30,000,000∗

Dental prostheses 15,000
Renal dialyzers 16,000,000∗

Ventricular assists >100,000∗

Transient applications
Cardiopulmonary bypass 150,000
Blood oxygenators 200,000
Over the needle catheters 200,000,000∗

Therapeutic catheters 150,000
Infusion catheters 300,000
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Table 3.3 Medical uses of polymers

Polymer Applications

Polyvinyl chloride Extracorporeal devices; hemodialysis or hemoperfusion,
blood tubing, cardiac catheters, blood bag and IV
infusion set, endotracheal tubes surgical tapes, sheet
oxygenator, artificial heart, blood pump, artificial limb

Ultrahigh MW polyethylene Acetabulum in total hip prostheses, artificial knee
prostheses

Polypropylene Membrane oxygenator, finger joint prostheses, IV cannulae,
unabsorbable sutures

Silicone rubber Hydrocephalus shunts, catheters, membrane for oxygenator,
artificial skin for burn dressing, plastic surgery implant,
artificial heart, heart assisted pump, drug release system,
atrioventricular shunts, ear prostheses, facial prostheses,
artificial heart valve, tendon, finger joint repair, tracheal
prostheses, bladder prostheses, bladder patch, intestine
patch, dura-mater prostheses, retinal detachment,
impressing materials, heart pacemaker leads

Polycarbonates Membrane for oxygenator, hemodialyzer, plasmapheresis
membrane

Polyester Vascular graft prostheses, fixation device for tissue, hernia
repair, patches for heart, bladder, arteries, suture

Polytetrafluoroethylene Vascular graft prostheses, heart patch, retinal detachment,
femoral stems

Polyurethane Artificial heart pump material, balloon, heart valve
prostheses, vascular graft prostheses, coating for blood
compatibility

Polymethyl methacrylates Bone cement, artificial teeth, denture material, bone
prostheses, cranial bone replacement, intraocular lenses,
membrane for dialysis

Polymers penetrate virtually every aspect of medicine, although the science of
polymeric biomaterials is much more recent than that of other high molecular weight
polymers. A few polymers have been designed for medical use, e.g., hydrogels for
soft contact lenses, poly(glycolic acid) for absorbable sutures, special ion exchange
resin, semipermeable membranes, and more are likely to be created (Table 3.3).
Although production may be low in some cases, patient benefits are high enough to
justify industry’s support of the high costs of research and development.

Most engineering progress through the centuries was dependent on the discov-
ery and availability of new materials. In fact many modern technologies require
materials with unusual combinations of mechanical properties, lightness and ease
of processing. For example, biomedical applications are increasingly searching for
structural materials that have low density, are strong, stiff, abrasion and impact resis-
tant and are not easily corroded. Table 3.4 gathers some characteristics of polymers
used in medical applications.
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Table 3.4 Characteristics of typical thermoplastic polymers [4]

Tensile Tensile Glass transition Melting Processing
modulus strength temperature point temperature

Material (GPa) (MPa) (◦C) (◦C) (◦C)

Polypropylene 1.1–1.6 30–40 –10 165 200–240
Polyamides 3–3.3 80–90 47–57 225 240–270
Polyethyleneterephthalate 2.7–4 50–70 70 265 280–310
Polycarbonate 2.3–3 60–70 150 Amorphous 280–330
Polyglycolic acid 6.5 57 35 225 200–205
Polylactic acid 2.1 59–79 60 180 180–200
Polycaprolactam 0.3 19 –60 210–255 <300
Polyhydroxybutyrate 2.5–3.5 36–40 1 171 95
Polyorthoester 0.8–1.2 20–27 55–95 Amorphous 95
Polyanhydride 0.04 4 – 46–49 40–50

3.4 Inert Polymers

Inert durable polymers (non biodegradable) do not undergo any chemical change
in vivo. Both hydrophobic and hydrophilic polymers may fit this category.
Table 3.5 gives a list of the commonly used inert polymers.

3.4.1 Silicones

Silicones were one of the first polymers studied due to their excellent biocompatible
and ease of fabrication into various medical devices. A number of medical products
employing silicones have been commercialized including implants for contracep-
tives, and ear replacement (Fig. 3.1). A class of polymers considerable importance
is based on a linear, cyclic or crosslinked arrangement of alternating silicon and
oxygen atoms, where the silicon is substituted with organic radicals or hydrogen.
They are called polyorgano-polysiloxanes or simply “silicone” polymers.

The usual procedure for preparing silicone polymers is to hydrolyze single or
combinations of R3SiCl, R2SiCl2, RSiCl3 and SiCl4. The intermediates in the reac-
tion are believed to be silanols which condense very rapidly with the elimination of
water and formation of the Si-O-Si link (Scheme 1).

Table 3.5 Commonly used inert polymers

1. Silicones
2. Polyacrylates
3. Polyethylene and related polymers
4. Polyamides
5. Polyurethanes
6. Polyesters
7. Polyethers
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Fig. 3.1 Silicone ear replacement
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The linear silicones [(CH3)3Si(OSi(CH3)2]n–OSi(CH3)3, where n is in the range
of 10–20, are known as silicone oils. The cyclic silicones, formed in hydrolysis
reactions of the silane dihalides, especially [(CH3)2SiO]3–4, are convertible to high
molecular weight linear silicone elastomers. Various curing techniques are available
for converting linear and cyclic materials to crosslinked elastomers and resins. Lin-
ear silicone polymers are conveniently prepared from a base-catalyzed ring opening
polymerization of the cyclic tetramer or trimer.

Silicones have some unique chemical and physical properties. They are inert to
cells and tissues and they are stable to heat and irradiation, which suggests that sil-
icone based products are sterilizable. It was these properties that inspired scientists
and physicians to consider the use of silicones for medical applications [5]. Silicones
are now used in many surgical and non-surgical procedures and their use extends to
a variety of medical instruments.

Silicones have a specific gravity lower than water and are commonly used fluids
in medical practice. The viscosity of oil is directly related to molecular weight but
also the ability to slip past one another. Silicones are produced as oils and gels, gums
and elastomers. The strength and elasticity of silicone elastomers is a function of
polymer chain length, organic side groups and the degree of cross-linking. The basic
ingredients to make silicone elastomers clear and highly viscous are vinyl group
substituents. Other radicals in the silicone rubber determine the physical properties
of the resultant elastomer. The most common mechanism of crosslinking occurs
by a radical attack on the pendant alkenyl groups from the silicon initiates by heat
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(heat vulcanization) or benzoyl peroxide. The reaction intermediates containing car-
bon free radicals then combine to form the carbon-carbon covalent cross-linking
bond. In some cases, crosslinking facilitated substitution of vinyl groups takes place
because the double bond of this group is quite susceptible to free radical attack. In
order to increase tensile strength, the prevulcanized silicone is usually mixed with
fillers such as fumed silica, talc and TiO2. By changing the amount of filler added
to a silicone rubber elastomer, one can change its degree of hardness.

The prototype of a silicone rubber sac filled with silicone gel was seen as a mam-
mary prosthesis and was later marketed by Dow Corning after undergoing the first
human trial. During 1960–1970, Dow Corning introduced many improvements to
enhance the mammary prosthesis, which became a multimillion dollars product.
Lately, silicone breast implants have been associated with complications such as
capsular contracture, enlargement of lymph nodes draining the implants area, occa-
sionally rupture of the silicone sac and bacterial contaminations [6]. The drying
effects of silicone in the surrounding soft tissues enhance the scar formation and
this is another possible contributing factor to the formation of the capsule. Physical
changes and alterations of the silicone implants as well as use of wetting agent such
as poly(vinyl pyrrolidone), have reduced the incidence of capsular contracture.

3.4.2 Polyacrylates

Polyacrylates may be safely bulk polymerized under mild conditions (Scheme 2).
In this way it is possible to prepare a casting by in situ polymerization at 40 ◦C. The
polymerization of acrylate esters can be carried out readily. The acrylate esters form
glassy materials similar to the methacrylates but superior in light transmission. For
this reason, methacrylate esters have achieved considerably greater popularity as
clear plastic materials. The largest single factor in determining whether a polymer-
ization is successful or not is the purity of the monomer used. It is absolutely essen-
tial that the material be pure. This group of polymers is widely used for intraocular
lenses, bone cement, dentures and middle ear prostheses.

H2C C

CH3

COO CH3

CH2 C

CH3

COO CH3

n

Scheme 2

Polyacrylates have been used in different applications as summarized in
Table 3.6.

One of the most popular polymers in this group are cross-linked poly(2-
hydroxyethyl methacrylate) (HEMA) hydrogels, invented in the 1950s by the Czech
chemist Otto Wichterle. The permeability and hydrophilicity of these gels are
dependent on the cross-linking agent. Poly(HEMA) has been used for ophthalmic
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Table 3.6 Polyacrylates and their applications

Structure Applications

Poly(methyl methacrylate) Intraocular lenses, bone cement, dentures
and middle ear prosthesis, orthopedic
surgery

C

CH3

CH2

COOCH3

n

Poly(2-hydroxyethyl methacrylate) Contact lenses, cartilage, matrix in drug
delivery system, burn treatment

C

CH3

CH2

COOCH2CH2OH

n

Poly(2-(dimethylamino)ethyl methacrylate) Radical scavenging agent, drug delivery
devices

C

CH3

CH2

COOCH2CH2N(CH3)2

n

Poly(methyl methacrylate)-co- (methacrylic acid) Enteric coating in tablets, gel for
encapsulation of biological materials,
biofilm on medical implants

C

CH3

CH2

COOR
n 

R = H or CH3

products including contact lenses as well as in many drug delivery systems.
Macroporous poly(HEMA) gels have been prepared by freeze/thaw or particulate
leaching techniques for cartilage replacement. Many different types of molecules
and cells have been encapsulated into poly(HEMA) gels and this approach has been
reported to be successful for delivery of insulin and other proteins. Poly(HEMA)
gels are not degradable in physiological conditions.

Copolymers of MMA with methacrylic acid at a 1:1 ratio are insoluble at acid
pH, but not at neutral pH. These copolymers are used as enteric coating of tablets
that pass safely through the stomach and dissolve when the tablet reaches neutral
pH in the small intestine.

3.4.3 Polyethylene and Related Polymers

Low density branched polyethylene was first prepared in 1933 (Scheme 3) by rad-
ical polymerization at high pressure and temperature (>200 ◦C) without a cata-
lyst. Polyethylene made at high pressure with free radicals will vary in properties
from a linear, high density to high branched low density material depending on
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polymerization variables. For the preparation of high density polyethylene with a
low degree of branching, a Ziegler Natta catalyst should be used. The product is
usually obtained as a white powder which can be molded to clear, tough films or
extruded to tough fibers. In medical applications, it has been used for disposable
product such as tubing, shunts, syringes or packaging materials.

Ultra high molecular weight polyethylene (UHMWPE MW >2,000,000 Da) has
been used as acetabular cups (Figs. 3.2 and 3.3) due to its high durability and resis-
tance to abrasion.

H2C CH2 CH2 CH2

n

Scheme 3

Polypropylene may be polymerized over the catalyst (transition metallic halide).
The polymers are generally high in molecular weight. In normal polymerization of
a substituted olefin, a new asymmetric center is produced as each monomer unit
is added, but there is no control of the configuration of each succeeding center
(Scheme 4). The result is a completely random configuration of the chain. The stere-
oregularity permits the chains to crystallize; hence the properties of the polymers
differ markedly from the random counterpart. It is widely used as sutures catheters,
colleting bags, prosthetic valve structures, plasmaphoresis membrane and packaging
materials.

2HC CH

CH3

CH2 CH

CH3

n

Scheme 4

Polymerization of vinyl chloride was known to be a useful plastic material before
World War I (Scheme 5). The polymerization is exothermic and great quantities of
heat have to be dissipated through the walls of the polymerization tank to the cooling
medium in the jacket. In order to obtain better heat transfer once the polymerization
begins, refrigerated brine is circulated in the cooling jacket at about –20 ◦C. Accu-
rate control of the temperature is necessary since the molecular weight is extremely

H2C CH2CHCl CH

Cl n

Scheme 5
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Fig. 3.2 Total knee replacement

Fig. 3.3 Total hip replacement

sensitive to the variation in temperature. High molecular weight material is obtained
with the internal temperature of 48–50 ◦C. The polymer is converted to dry powder
by spraying onto a contoured rotating heated roller. The medical use of PVC is as
tubing, plasmaphoresis equipment, and blood bags.

3.4.3.1 Hydrogel Polymers in this Group

Poly(vinyl alcohol) (PVA) is generally obtained from poly(vinyl acetate) by, hydrol-
ysis. The hydrophilicity and solubility of PVA can be controlled by the extent of
hydrolysis. PVA forms hydrogels by chemical cross-linking with glutaraldehyde or
epichlorohydrin. To avoid the toxicity and leaching of chemical cross-linkings, a
repeated freeze/thawing method or electron beam has been applied to form PVA
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hydrogels. The gels formed by the repeated freeze/thawing method were reported
to be stable at room temperature and highly elastic. These gels are not degradable
in physiological situations and are therefore useful as long term or permanent scaf-
folds. PVA hydrogels have been used in tissue engineering for regeneration of arti-
ficial cartilage and bone-like apatite formation.

3.4.4 Polyamides

Polyamides are prepared from acids and amines. Regular high molecular weight
polyamides such as polycaprolactam (Nylon 6) and Nylon 6.6 posses high mechan-
ical strength, elasticity and biocompatibility, and resist enzymatic attacks. Adipic
acid (6-carbon atom monomer) and hexamethylene diamine salts are prepared first
and then the salts are heated at higher temperature to form Nylon 6.6 polyamide
[7]. The polymerization reaction takes place at a higher temperature than the melt-
ing points of the reactants and the polymer (Scheme 6). In order to polymerize, this
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NH2H2N+
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mixture is brought to a temperature of 255–265 ◦C under nitrogen. Nylon 6 is pre-
pared from the 6-carbon monomer – 6-amino hexanoic acid. Nylon 6 is a tough plug
with melting point of about 215 ◦C. It may be fabricated into a tough film by press-
ing or extruding in the form of filament. Both film and filament may be stretched
over a hot plate to give highly oriented crystalline products.
These polymers have applications in surgical sutures and hemodialysis membranes.

3.4.5 Polyurethane and Polyurea

Polyurethanes are prepared by stepwise polymerization reaction, but without the
elimination of byproducts such as water or hydrochloric acid [7]. The addition of
diol (1,4-butanediol) to a diisocyanate (1,6-hexa diisocyanate) gives a polyurethane
(Scheme 7).

HO (CH2)4 OH CO N (CH2)6 N C O

Base catalyst

O (CH2)4 O C

O
H
N (CH2)6

H
N C

O

n

Polyurethane

Scheme 7

Similarly, polyurea is prepared from the reaction of a diamine such as hexam-
ethylenediamine with a diisocyanate (Scheme 8). Several applications are found
for this group of polymer such as catheters, pacemaker leads, tubing, intra-aortic
balloons, wound dressing, artificial heart components, cardiac prosthetic valves
(Fig. 3.4), device coatings, etc.

H2N (CH2)6 NH2 CO N (CH2)6 N C O

Base catalyst

H
N (CH2)6

H
N C

O
H
N (CH2)6

H
N C

O

n
Polyurea

Scheme 8
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Fig. 3.4 Artificial heart valve (adapted from
http://imti-itfi.nrc-cnrc.gc.ca)

3.4.6 Polyesters

Poly(ethylene terephthalate) is a common polymer prepared by a melt polymeriza-
tion. The following polymerization process is applicable in general to any system in
which the monomers and polymers are thermally stable at temperatures above the
polymer melting point and the glycol is sufficient volatile to permit the excess to
be removed under vacuum. In this preparation there are two ester exchange reac-
tions. The first forms monomer from excess glycol and dimethyl terephthalate,
with elimination of methanol. The second eliminates glycol and forms the polymer
(Scheme 9).
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CH3O
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CH3 + 2HOCH2CH2OH HOCH2CH2 HCOCO 2CH2OHC

O O

CH3OH+

HOCH2CH2 HCOCO 2CH2OHC
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 OCH2CH2 + HOCH2CH2OH
n

Scheme 9

Dimethyl terephthalate and ethylene glycol at a 1:1 mole ratio heated at 200 ◦C in
the presence of calcium acetate forms oligomers which at 300 ◦C gave poly(ethylene
terephthalate) and methanol as byproducts. This polymer is used in synthetic fibers,
films bottles, vascular grafts, tissue patches and shunts.

3.4.7 Polyethers

Poly(ethylene oxide) (PEO) and poly(ethylene glycol) (PEG) have the same poly-
mer structure made of different monomers; one is made from ring opening of ethy-
lene oxide and one from the condensation of ethylene glycol, respectively. PEG has
been approved by the FDA for several medical applications due to its biocompati-
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bility and low toxicity. It has been extensively used as excipient in pharmaceutical
formulation for oral and injectable administration to stabilize proteins by chemi-
cal conjugation of PEG, surface modification of biomaterials and induction of cell
membrane fusion. PEG itself is very hydrophilic and can be synthesized by anionic
or cationic polymerization of ethylene oxide. PEG gels can be prepared by UV
polymerization of the precursor that consists of PEG with acrylate terminal at each
end in the presence of α-hydroxy acids. Star-shaped PEG has been cross-linked by
irradiation to form hydrogels and modified with galactose moiety to enhance the
interaction with liver cells. Various PEO based polymers have been reported and
utilized especially in drug delivery. One interesting copolymer is a triblock copoly-
mer of PEO and poly(propylene oxide) (PPO) which is known under the trade name
of Pluronics R© or Poloxamers R© and is available in various lengths and compositions.
These polymers form thermally reversible gels without any permanent cross-links.
Moreover, PEO-PPO-PEO triblock copolymers can be designed to form gels at body
temperature. A few PEO-PPO-PEO copolymers are in clinical use as surfactants and
solubilizers in injectable formulations.

3.5 Natural Biopolymer

Biomaterials are mainly from natural origin such as collagens, polysaccharides, fib-
rins, alginates, chitin and chitosan. etc. Such materials are often complex and diffi-
cult to characterize. Various polymers in this group have been studied and utilized
to date as follow.

3.5.1 Collagen and Gelatins

Collagen is the most widely used tissue derived natural polymer and it is a main
component of extracellular matrices of mammalian tissues including skin, bone, car-
tilage, tendon and ligament. Physically formed collagen gels are thermally reversible
and offer a limited range of mechanical properties. Chemical cross-linking of col-
lagen using glutaraldehyde or diphenylphosphoryl azide can improve the physi-
cal properties. However, these gels are still short of physical strength, potentially
immunogenic and can be expensive. Furthermore, there can be variations between
batches. However, collagen meets many of the biological design parameters, as it is
composed of specific combinations of amino acid sequences that are recognized by
cells and degraded by enzymes secreted from cells (i.e., collagenase). Collagen has
been used as a tissue culture scaffold or artificial skin due to the ready attachment
of many different cell types and its cell based degradation. The attachment of cells
to collagen can be altered by chemical modification, including the incorporation of
fibronectin, chondroitin sulfate or low levels of hyaluronic acid into the collagen
matrix. Collagen gels have been utilized for reconstruction of skin, blood vessel and
small intestine.
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Gelatin is a derivative of collagen, formed by breaking the natural triple helix
structure of collagen into single strand molecules. There are two types of gelatin,
A and B. Gelatin A is prepared by acidic treatment before thermal denaturation,
while gelatin B is processed by alkaline treatment that leads to a high carboxylic
content. Gelatin forms gel by changing the temperature of its solution. It has been
used in many tissue engineering applications due to its compatibility and ease of
gelation. Gelatin gels have also been used for delivery of growth factors to promote
vascularization of engineered new tissue. However, the weakness of the gels has
been a problem and a number of chemical modifications have been investigated to
improve the mechanical properties.

3.5.2 Fibrin

Fibrin has been used as a sealant and an adhesive in surgery as it plays an important
role in natural wound healing. Fibrin gels can be produced from the patient’s own
blood and used as an autologous scaffold for tissue engineering. No toxic degra-
dation or inflammatory reactions are expected from this natural component of the
body. Fibrin forms gels from enzymatic polymerization of the fibrinogen at room
temperature in the presence of thrombin. An interesting feature of fibrin is the degra-
dation and remodeling by cell associated enzymatic activity during cell migration
and wound healing.

Fibrin gels may promote cell migration, proliferation and matrix synthesis
through the incorporation of platelet derived growth factors and transforming
growth factor. Fibrin gels have also been used to engineer tissues with skeletal mus-
cle cells, smooth muscle cells and chondrocytes. However, fibrin gels are limited in
mechanical strength and this prevents their use in certain applications.

3.5.3 Polysaccharide Hydrogels

Celluloses offer attractive drug delivery matrixes (Fig. 3.5). Carboxymethyl-
cellulose (CMC) is one example of hydrogel in clinical use. It is prepared
by swelling cellulose in sodium hydroxide solution, followed by reaction with
monochloroacetic acid. The acid can react with hydroxyl on C2, C3 and C6 on each
glucose unit to give a maximum degree of substitution. Presence of ionizable side

Fig. 3.5 Structure of cellulose
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groups disrupts the cellulose crystal structure, hence making CMC water soluble.
The polymer forms high viscosity solution. For example, CMC has been combined
with hyaluronate to form hydrogel membranes used for prevention of adhesion after
intra-abdominal surgery. CMC also forms insoluble ionic complexes with cationic
polymers such as chitosan, polyethyleneimine and diethylaminoethyl dextran.

3.5.4 Glycosaminoglycans

Glycosaminoglycans (GAGs) are linear heteropolysaccharides consisting of disac-
charide units with the general structure of uronic-amino sugar (Figs. 3.6, 3.7, and
3.8). In their native form, several GAG chains are covalently linked to a central
protein core and the protein-polysaccharide conjugates are termed proteoglycans.

There are six different types of GAGs – chondroitin sulfate, dermatan sul-
fate, keratan sulfate, heparin sulfate, heparin and hyaluronic acid. Heparin and
hyaluronate are interesting candidates for development of implantable biomaterials.
Heparin is being examined for tissue regeneration and wound healing.

Many of current available hydrogels are based on synthetic non-biodegradable
polymers. Hyaluronate has shown excellent potential for tissue engineering appli-
cations such as artificial skin, facial intradermal implant and soft tissues augmen-

Fig. 3.6 Structure of hyaluronic acid

Fig. 3.7 Structure of heparin sulfate
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Fig. 3.8 Structure of
chondroitin sulfate

tation. However, hyaluronate requires thorough purification to remove impurities
and endotoxins that may potentially transmit diseases. In addition, hyaluronate gels
possess low mechanical properties.

3.5.5 Alginates

Alginic acids (Fig. 3.9) or alginates are isolated from several species of brown algae
(e.g., Macrocystis pyrifera). Alginates are block copolymers of α-L-guluronic acid
(G) and β-D-mannuronic acid (M) with average molecular weight of 200,000 to
500,000 (Fig. 3.10). G blocks are linked by α(1→4) and M blocks are linked by
β(1→4) glycosidic bonds. Simple gelation will be obtained from adding divalent
cation such as Ca+2 into a solution of alginates. Alginate have applications as an
injectable cell delivery vehicle as well as wound dressing, dental impression and
immobilization matrix. Alginate gel beads have also been prepared and used for
transplantation of chondrocytes, hepatocytes, and islets of Langerhans. Despite its
advantages features, alginate itself may not be an ideal material because it degrades
via a process involving loss of divalent ions into the surrounding medium and subse-
quent dissolution. This process is generally uncontrolled and unpredictable. There-
fore, covalent cross-linking with various types of molecules has been attempted to
control precisely the mechanical and swelling properties of alginate gels. In addi-
tion, molecular weights of many alginates are above the renal clearance threshold
of the kidney.

Fig. 3.9 Structure of alginic acid
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Fig. 3.10 Alginate gel (adapted from www.ifis.co.uk)

The limitation in tissue engineering of using alginate gels is the lack of cel-
lular interaction. Alginate is known to discourage protein adsorption due to its
hydrophilic character and it is unable to interact with mammalian cells. Therefore,
alginate has been modified with lectin, a carbohydrate specific binding protein, to
enhance ligand specific binding properties.

3.5.6 Chitin and Chitosan

Chitosans are partially or fully deacetylated derivatives of chitin (Fig. 3.11), the
primary structural polymer in arthropod exoskeletons. Chitosans are the most

Fig. 3.11 Structure of chitin
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Fig. 3.12 Structure of chitosan

promising polysaccharide biomaterials for development of resorbable and biologi-
cally active implants. The primary source of chitin and chitosans is shells from crab,
shrimp and lobster. Shells are ground, demineralized with HCl, deproteinized with
a protease or dilute NaOH and then deacetylated with concentrated NaOH. Struc-
turally, chitosans are very similar to cellulose, except for their amino or acetylamido
substitute. The polymer is linear, consisting of β(1→4) linked D-glucosamine units
with a variable number of randomly located N-acetyl-glucosamine groups. The
molecular weight of chitosan is in the range of 50,000–1,000,000. Commercially,
available preparations carry 10–30% acetylamido residues.

Chitosan is crystalline and its degree of crystallinity depends on the degree
of deacetylation (Fig. 3.12). Crystallinity is maximum when the polymer is fully
acetylated with varying crystallinity at intermediate deacetylation. Chitosan is nor-
mally insoluble in aqueous solution above pH 7 but is readily soluble in dilute acid
(pH <5) where free amino groups are protonated.

The high charge density of chitosan means that the linear chains are of semi-
rigid rod conformation. At pH higher than 5, amino groups are increasingly depro-
tonated and become available for hydrogen bonding, and at some critical pH, the
chains in solutions develop enough H bonds to establish a gel network. Gelation
pH depends on both degree of deacetylation and average molecular weight. pH
dependent solubility of chitosan provides a convenient mechanism for its processing
under mild conditions. Viscous solutions can be extruded into higher pH solutions
or a nonsolvent such as methanol. The gelled fibers can be subsequently drawn and
dried to form high strength fibers. The polymer has been extensively studied for
industrial application based on film and fiber formation. Numerous derivatives have
been developed to alter biological functions of chitosan, including enhancement of
cellular interactions for tissue engineering approaches. Chitosan has been modi-
fied with sugar residues such as fructose or galactose for culture hepatocytes and
with proteins such as collagen, gelatin and albumin for neural tissue engineering.
In addition, methylpyrrolidone derivatized chitosan has been reported to promote
bone formation.

3.5.7 Dextran

Dextran is a nontoxic biodegradable polymer and is widely used in many biomed-
ical areas. It is primarily based on 1→6-α-D-glucopyranose and carries an average
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Fig. 3.13 Structure of dextran

of three hydroxy groups per anhydroglucose unit (Fig. 3.13). Solution of Dex-
tran has been used as surgical aids for reducing tissue adhesion. Derivatization of
dextran with maleic anhydride gives the dextran-maleic acid half ester, followed
by UV crosslinking and formation of dextran-maleic acid hydrogel. Swelling of
dextran-maleic hydrogel increased with increasing the degree of maleic substitu-
tion over a wide range of pH. Dextrans have been in used for drug conjugation,
via reductive amination, to obtain large molecular weight drug derivatives for the
purpose of altering drug distribution after intravenous injection and accumulation
of the drug conjugates in cancer or in flamed tissues ,where large molecules leak
out from broken blood vessels. Also, conjugation of water insoluble drugs to the
water soluble dextran provides a water soluble derivative, which can be injected to
a patient.

3.6 Bioactive Polymers

Interest continued to grow in polymers which have inherent biological activities or
are covalently bound with drugs. This part provides an introduction to the poly-
meric drug, polymeric drug conjugates, polymeric prodrug and targeted polymeric
drug.
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3.6.1 Polymeric Drugs

Many synthetic polymers are biologically inert while some exhibit wide ranges of
biological activities. They can be categorized into four kinds of polymeric drugs:
polycations, polyanions, polynucleotides/polypeptides, and polysaccharides.

3.6.1.1 Polycationic Polymers

These macromolecules have positive charges attached to the polymer chain or as a
pendant to the chain. They are active against a number of bacteria or fungi. Recent
reports indicate that polycationic polymers can enhance cellular antigen uptake and
exhibit antitumor activities. Of the many polycations initially explored as non-viral
vectors, the polyethyleneimine (PEI) have been most widely studied. PEI promotes
endosomal escape via the proton sponge mechanism; linear polymers of MW 22,000
are able to overcome the nuclear barrier and also yield the highest transfection effi-
ciency. Recent promising results obtained using the PEI-polyplexes in vivo in AIDS
and cancer are moving forward into clinical evaluation. PEI has the limitation of rel-
atively high toxicity and this could prove problematic for repeated systemic rather
than local administration. PEI derivatives have been found to have a strong antimi-
crobial activity as well as anti-prion and viral activities.

3.6.1.2 Polyanionic Polymers

Polymers with negative charges exhibit various biological activities. They can enter
biological functions by distribution throughout the host and behave like proteins,
glycoprotein and polynucleotides which modulate a number of biological responses
related to the host defense mechanism. These are enhanced immune responses and
activation of the reticuloendothelial system macrophages. Examples of polyanions
are pentosane sulfate, dextran sulfate, poly(maleic acid) copolymers and poly(vinyl
amino acids).

3.6.1.3 Polynucleotides/Polypeptides

Polynucleotides are potent interferon inducers. A mismatched double stranded syn-
thetic polyribonucleotide ampligen and the double stranded acids, polyadenylic-
polyuridylic acid and polyinosinic polycytidylic acids, have been studied for cancer
therapy. Although these materials elicit excellent activity with rodents, therapeutic
effects are dramatically decreased within primates.

3.6.1.4 Polysaccharides

Sulfation of dextrin – a polysaccharide routinely used for peritoneal dialysis in
patients with end stage renal failure at the 2 (or 6) position produces a polymer
that blocks infection of T cell lines by adapted strains of HIV-1. Dextrin-2-sulfate
(MW 25,000 g/mol) given to patients intraperitoneally daily for 28 days was well
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tolerated up to the maximal daily dose of 150 mg and in phase III clinical trials it
reduced replication of HIV-1 in patients with AIDS. Coincidentally, dextrin 2 (and
6) sulfate inhibits morphological differentiation of endothelial cells into tubes; the
reduced lesions is probably the result of anti-angiogenic effect. In gel form, dextrin
sulfate is now approved for an intravaginal virucide.

3.6.2 Polymeric Drug Conjugates/Polymeric Protein Conjugates

The drug is covalently bonded to an appropriate polymer carrier. These large
molecules diffuse more slowly and are adsorbed at pharmacological interfaces.
Therefore, drug-polymer conjugates can prolong therapy. The major attributes
of polymeric drug carriers are their depot effects, unique pharmacokinetics
and pharmacological efficacy. A model for polymeric drug-conjugates is shown
in Fig. 3.14 [8].

It can be seen that four different groups are attached to the polymer backbone.
One group is the drug, the second is a spacing group, the third is a transport system
and the last is the group to solubilize the entire polymer system. The drug can be
attached permanently by a stable bond or temporarily and removed by hydrolysis
or enzymatic processes. The transport system can be made specific for tissue cells.
Solubilizing groups are added to increase the hydrophilicity and solubility of the
whole macromolecular system in aqueous system while non-polar groups enhance
the hydrophobic character in lipid regions. The specificity of polymer is related to
molecular size which alters the transport rate across compartmental barrier.

By controlling the weight of the polymer carrier of a polymer drug carrier, it is
possible to regulate whether the drug passes through the blood membrane barrier
or accumulates in some organs. The macromolecular transport theory of biopoly-
mers through tissues has been successfully applied to the design, fabrication, and
prediction of in vivo performance of polymeric drug conjugate systems.

Spacer

Biodegradable linkage

Soluble polymer backbone

Drug Targeting moietyFig. 3.14 Model for polymer
drug carrier
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Fig. 3.15 Polymeric prodrug containing 5-ASA conjugate covalently linked to poly(methyl vinyl
ether/co-maleic anhydride) and poly(1-vinyl-2-pyrrolidone co-maleic anhydride)

3.6.3 Polymeric Prodrugs

Polymeric prodrugs are designed to protect against rapid elimination or metabolism
by adding a protective polymer to the therapeutic materials (Fig. 3.15). Therapeutic
activity is usually lost with this attachment and reinstated with the removal of the
protective group. The protective group is designed to be easily removed usually by
hydrolysis.

A drug which is active only after being cleaved from the polymer chain is called
a prodrug. The drug is usually attached away from the main polymer chain and other
pendant groups by means of a spacer moiety that allows for more efficient hydrolysis.

3.6.4 Targeted Polymeric Drug

Polymeric drug targeting to a specific site is an enormous advantage in drug delivery
because only those sites involved are affected by the drug. Ideally, a targetable drug
carrier is captured by the target cell to achieve optimum drug delivery while mini-
mizing the exposure to the host. Most administered macromolecules are eliminated
by the host before any significant cellular uptake takes place. If the macromolecules
contain a moiety that is compatible with a receptor on a specific cell surface, then
the molecule is attracted to the cell surface and the uptake is enhanced. This max-
imizes the opportunity for specific cell capture. This type of cell specific targeting
has been developed.
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Table 3.7 Examples of biodegradable polymers

Polyesters
Polylactic acid
Polyglycolic acid
Polycaprolactone
Polyhydroxybutyrate
Polyhydroxyvalerate

Polyorthoesters
Polycarbonates
Polyanhydrides
Polyphosphate esters
Polyphosphazenes

3.7 Biodegradable Polymers

The term “biodegradable polymers” denotes water insoluble polymers which, by
means of a chemical reaction in the body, are converted slowly to water soluble
materials. The polymer can have a side chain that undergoes hydrolysis in the body
to produce hydroxyl, carboxyl or other hydrating groups. These groups make the
polymer fragments and degradation products water soluble. Another approach is to
crosslink a water soluble polymer with a hydrolyzable cross-linking agent. Once
crosslinked, the polymer is insoluble. When placed in the body, the crosslinking
group is hydrolyzed or degraded to give a water soluble polymer. Water insolu-
ble polymers which contain hydrolyzable functional groups directly in the polymer
chain are the most frequently used. As these groups in the chain are hydrolyzed, the
polymer chain is slowly reduced to shorter and shorter chain segments which even-
tually become water soluble. The main advantage of the latter group of polymer is
that polymer will have good mechanical properties. Table 3.7 lists examples of these
biodegradable polymers.

3.7.1 Polyesters

Polyesters are synthesized by condensation polymerization of dicarboxylic acids
and diols, or hydroxy alkyl carboxylic acids. Examples for both polymerizations are
aliphatic polyester based on monomers other than α-hydroxy-alkanoic acids which
have been developed and evaluated (Scheme 10). These include the polyhydroxy-
butyrate and the polyhydroxyvalerate developed by ICI from a fermentation process
and the polycaprolactone. The homopolymers in these series are hydrophobic and
crystalline in structure, and therefore they have long degradation times in vivo (1–
2 years). However, the use of copolymer in the case of polycaprolactone have led to
materials with a shorter degradation time as a result of changes in the crystallinity
and hydrophobicity of these polymers.
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The ω-hydroxycaproic acid on condensation gave polycaprolactone. At every
condensation reaction the polymer chain grows but remains an ω-hydroxy car-
boxylic acid; hence it further reacts to form a longer polymer chain. For example
poly(lactic acid) upon overheating converts into lactide (Scheme 11).
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Polyesters can also be polymerized by stepwise polymerization and ring open-
ing polymerization as shown in Scheme 12. One of the most versatile and
widely used synthesized polymers are aliphatic polyesters prepared from lactic and
glycolic acids. These polymers were first utilized as sutures and orthopedic plates
and nails, and their biocompatibility and biodegradability are well known. More-
over, the commercial availability of these polymers and the accurate biodegradation
rates has made these biodegradable polymers the first choice of medical devices.
The applications are also found in controlled release and tissue engineering.
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3.7.2 Poly(ortho esters)

Poly(ortho ester) can be synthesized by the reaction of ketene acetal and an alcohol,
to form the orthoester bond (-O-COO-) between the polymer units (Scheme 13). For
example, 3,9-bis(methylene) 2,4,8,10-tetraoxaspiro[5,5] undecane on condensation
with 1,6-hexanediol forms a poly(ortho ester) (Scheme 6). The reaction proceeds at
room temperature using tetrahydrofuran as solvent and acid catalyst. The prepara-
tion of poly(ortho esters) from diol and diketene acetals is similar to the preparation
of polyurethanes from diol and diisocyanate (see previously). Both reactions pro-
ceed without the formation of a byproduct. Polyorthoesters contain hydrophobic
units linked together along the polymer chain by functional groups susceptible to
hydrolysis. Exposure of the outer layer of polymer to water causes hydrolysis of the
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water labile linkages and subsequent degradation and loss of the outer layer of the
polymer. As the outer layer is lost, another layer of polymer is exposed to water
and the process continues such that polymers are slowly eroded from the surface.
Such polymers are termed bioerodible and the rate of hydrolytic degradation at the
surface of the polymer is much faster than the rate of water penetration into the
polymer matrix. Poly(ortho esters) have been tested as carriers of drugs like insulin
and antibiotics [9].

3.7.3 Polycarbonates

Biodegradable polycarbonates are synthesized by the condensation of an aliphatic
diol with the derivatives of carbonic acid such as phosgene or biphenyl carbonate.
Phosgene, on bubbling into a solution of a diol in pyridine at 20–35 ◦C, forms a
polymer [10] which is isolated by precipitation in water or methanol (Scheme 14).

HO R OH + C
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Cl O R O Cn n Cl
n

+   HCl

O

Scheme 14

3.7.4 Polyanhydrides

Polyanhydrides are synthesized by stepwise polymerization from diacid monomers
using a dehydrative agent or from the reaction of a diacid chloride and a dicarboxylic
acid (Scheme 15). This hydrophobic monomer leads to a polymer with low water
permeation. However, the anhydride linkage is quite susceptible to hydrolysis and
experiments have demonstrated that surface erosion of these polymers does occur.
Polyanhydrides have been used for controlled delivery of anticancer agents to the
brain for treating brain tumors, which is now FDA approved [11].
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3.7.5 Poly(phosphate ester)

Poly(phosphate ester) can be synthesized by the interfacial condensation of either
ethyl or phenylphosphorodichloridates and various dialcohols under phase transfer
conditions (Scheme 16). The polycondensation was found to be dependent on the
catalyst concentration. Polyphosphate ester copolymers have been tested as drug
carriers [12].

KO C OK P

R

PTC CH2Cl2/H2O

C O

+

P O +
n

2KCl

O

ClCl

CH3

CH3 O

R

CH3

CH3

PTC = Phase Transfer Catalyst

Scheme 16

3.7.6 Poly(phosphazenes)

Poly(phosphazenes) are polymers consisting of an inorganic backbone of alternate
nitrogen and phosphorus atoms linked by alternating single and double bonds. The
different polymers can be prepared by nucleophilic displacement reactions.

Poly[(dichloro)phosphazene] is prepared by condensation reaction. Monomeric
phosphoranimine on condensation forms N-dichlorophosphoryl-P-trichloromono
phosphazene [Cl2P(O)N=PCl3] with the elimination of phosphoryl trichloride
POCl3 (Scheme 17). Poly(phosphazenes) were also prepared by ring-opening poly-
merization methods. Different polyphosphazenes has been used as inert biomaterials
for cardiovascular and dental applications. Bioerodible and water soluble polyphos-
phazenes are also used for controlled drug delivery [12].
The degradation of polyphosphazene can be controlled by changes in side chain
structure rather than the polymer backbone. A hydrophilic backbone as well as
the structure versatility as a result of various substitutions offers possibilities in
designing new classes of polyphosphazene gels. Various modifications of polyphos-
phazenes have been reported including poly(aryl/alkyl) phosphazenes, poly(amino
acid-ester) phosphazenes and methoxy-poly(ethylene glycol) substituted polyphos-
phazenes with temperature responsive features. Two types of hydrogels
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exist – non-ionic and ionic. Non-ionic polyphosphazene gels are based on water
soluble phosphazene containing glucosyl or glyceryl side groups. Ionic polyphosp-
hazene hydrogels are formed with divalent ions. These polymers may be useful for
skeletal tissue regeneration or encapsulation of hybridoma cells.

3.8 Characterization of Biomaterials

The understanding of the interactions which take place between a material surface
and the compositions of the biological systems is an important requirement of bio-
material development (Table 3.8). The uppermost layers of a biomaterial which
present certain chemical and physical properties have to be defined as it is a contact
surface. Also, biological parameters such as adsorption of protein, cell growth and
blood compatibility need to be established.

These properties are essential for biomaterials, although perhaps not required in
industrial applications. This is necessary as the living cells are very vulnerable to
and readily killed by physical and chemical stimuli, for instance, by toxic substance
invasion. Toxic compounds associated with polymers are listed in Table 3.9.

Table 3.8 Minimum requirements for biomaterials [13]

Requirements Examples

I. Non-toxicity Non-pyrogenic, non-hemolytic, non-inflammatory (chronic),
non-tumorigenic, non-allergic

II. Functionality Organ and tissue replacement, tissue reconstruction, internal organ
support, disposable medical devices, drug delivery

III. Sterilizability Radiation, ethylene oxide gas, autoclave, dry heat
IV. Biocompatibility Mechanical and interfacial
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Table 3.9 Toxic compounds related to polymers

Components Remarks

I. Monomers Not polymerized, depolarized, oligomers
II. Initiators Intact and decomposed
III. Catalysts Crosslinking, curing and other reactions
IV. Additives Antioxidants, plasticizers, UV absorbants, lubricants, antistatic agents,

dyes, pigments
V. Others Byproducts, degradation products

Table 3.10 The features of biocompatibility [14]

Materials
Bulk chemistry
Surface chemistry
Surface roughness
Surface energy
Surface charges
Chemical stability
Chemistry of degradation products
Physical characteristics of degradation products

Devices
Size
Shape
Elastic modulus/rigidity

Host
Species (animal study)
Tissue type and location
Age
Sex
General health status
Pharmaceutical regimens

Systems
Operative technique
Implant tissue attachment
Infection

In general, we would expect the features shown in Table 3.10 to be influenced in
determining the specific characteristics of biocompatibility that will be seen under
different circumstances. It is important to note that it is not only the characteristics
of the materials and device that control events but also host variables as we get
older; repair processes are less efficient and the general state of health will influence
defense mechanisms.

3.8.1 Chemical Properties on the Surfaces

The compositions of biomaterial surface can be measured by different methods such
as attenuated total reflectance (ATR-IR), X-ray photoelectron spectroscopy (XPS)
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and secondary ion mass spectroscopy (SIMS) [15]. ATR-IR supplies the absorption
spectra of functional groups with an informational depth of 0.1–10 μm. XPS is a
more sensitive surface analytical method which gives information not only about
the type and amount of elements present but also their oxidation state and chemical
surroundings. In SIMS, primary ions interact with the polymer surface and the mass
spectra of the secondary ions are obtained which also give the chemical composi-
tions of the outermost atomic layer (1 nm thickness).

3.8.2 Physical Properties of the Surfaces

Several methods are available to determine the physical parameters of polymer
surfaces. Biomaterials penetrate liquids like blood or water present in soft tissue.
It is known that the surface free energy at the biomaterial/water interface is the
driving force for the reorientation processes of the polar groups of the uppermost
molecular layers of the polymer surface. The investigation of surface wettability by
means of contact angle determination is of special interest in characterization of
a surface.

Electrochemical properties are also physical surface parameters. The existing
surface charge density, i.e., surface potential, has a strong influence on protein
adsorption and blood compatibility. Table 3.11 shows surface analysis use in char-
acterization of biomaterials.

Table 3.11 Summary of surface analysis techniques in biomaterials [16]

Chemical compositions
Electron spectroscopy for chemical analysis
Auger electron spectroscopy
Ion scattering spectroscopy
Backscattering spectroscopy
Secondary ion on mass spectrometry
Surface extended X-ray absorption fine structure
Thermodynamic analysis
Wettability
Sorption-desorption
SEM
TEM
Scanning tunneling microscopy
Atomic force microscopy
Infrared spectroscopy
Electron energy loss spectroscopy
Thin film X-ray diffraction
Electron diffraction
Low energy electron diffraction
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3.8.3 Adsorbed and Immobilized Protein Determination

ELISA was employed to detect the adsorption of a protein at a biomaterial sur-
face based on a specific reaction of antibodies with surface bound antigens [17].
The detection of binding capacity of antibodies is useful to establish the amount
of adsorbed and immobilized fibronectin. When a large amount of adsorbed
fibronectin exists at the polymer surface, enhanced growth of the cells, e.g., endothe-
lial cells, can be expected. Low fibrinogen adsorption may indicate good blood
compatibility.

3.8.4 In Vitro Cell Growth

Cell culture permits the determination of cell growth influencing factors and thereby
the selection of cell toxic materials. In addition, it allows the investigation of tis-
sue compatibility of biomaterials. In cell culture two cell types can be used; organ
specific cells and cells belonging to permanent cell lines which have lost their
specificity. The evaluation is done by measurement of cell density after a period
of time.

3.8.5 Blood Compatibility

The contact of biomaterial surfaces with the blood provokes activation of the intrin-
sic coagulation pathway at blood/biomaterial interface. The following coagulation
parameters obtained after the contact are evaluated as compared with citrate plasma
values: activated partial thromboplastin time (APTT), partial thromboplastin time
(PTT), platelet adhesion, and leucocyte number.

The most important parameters to characterize blood compatibility are thrombo-
cyte adhesion and thrombocyte number. Materials which show strong platelet adhe-

Table 3.12 Interactions between living systems and biomaterials

Antithrombogenicity 
Tissue non-invasion Non-stimulative 

Neointima formation 
Non-calcification

Non-proliferative 
-teeth bonding 

Interfacial
biocompatibility 

Bioadhesive

Short ter m Complement non-activation 

Long term Non-encapsulation 

Cell Monolayer coverage 

Tissue Proliferative
-bone bonding 
-soft tissue adhesion 
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sion as a consequence of their contact with a foreign body or provoke a decrease in
the number of blood platelets are considered as thrombogenic [17]. The decrease in
the quantity of blood leukocytes after contact is a sign of cellular immunoresponse
of the biological system. When a biomaterial comes in contact with a living body,
interactions occur between the foreign material and the living body, as shown in
Table 3.12.

3.9 Fabrication Technology

Thermoplastic resins are fabricated in the molten state by extrusion into films or
fibers and by molding into three-dimensional objects. Two processes are employed,
namely extrusion and injection molding.

3.9.1 Extrusion

A single screw extruder is a conveyer similar to a meat grinder. It consists of a
screw, driven by a motor connected to its shaft through a gear reducer, rotating
inside a cylindrical barrel. The rotating screw moves the resin pellets forward and
generates by shear most of the heat required to melt pellets, as well as the hydro-
static pressure to force the molten plastic through the die (Fig. 3.16). The size of the
extruder is described by the inside diameter of the barrel. The screw consists of three

Fig. 3.16 Schematic drawing of a single screw extruder (adapted from www-rt.uni-paderborn.de/)
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zones, namely a feed section, a transition section, and a metering section. The screw
usually has the same pitch or helical angle in the three sections. The process vari-
ables, temperature and speed of revolution, do not afford a range of conditions wide
enough for the effective extrusion of different polymers. For example, polyamides
have lower melt viscosities than polyethylene resins, while polyvinyl chloride resins
degrade readily at high temperature. Therefore, different screws are available for a
single extruder, having different lengths of the three zones and different compres-
sion ratios. Resin pellets, granules or flakes are fed from the hopper into the feed
section of the extruder, from where they were conveyed to the transition section.
Here the pellets are compressed and melted. A large portion of the heat required
to melt the resin is generated by viscous friction as the pellets are sheared between
the rotating screw and the stationary wall of the barrel. Another portion of the heat
is supplied externally through the barrel, usually by electric band heaters mounted
on the barrel. As the resin advances through the transition zones, it is plasticized,
melted, and mixed. By the time it reaches the metering section, it is a homogenous,
very viscous liquid. The metering section of the screw has the shallowest channel
depth. It pumps the melt through a screen-pack filter into the die cavity. The filter
removes solid impurities and lumps of unmelted resin. If the extruded film is to
have a uniform thickness, it is essential that the melt exits through the die slit at a
constant flow rate, free of sudden surges. The metering section ensures a constant
delivery rate. Flat film is extruded downward through a die with a long slit for an
opening onto highly polished chilled rolls that are water cooled. From there, the
sheet is rolled up on a windup roll. Tubular film is produced by extruding the melt
upwards through an annular die around a mandrel (Fig. 3.17). As the tube is pulled
upwards, it is blown up to a bubble by air injected through the mandrel, stretched
and biaxially oriented. The hot tubular film is cooled by air issuing through the holes
of a hollow ring surrounding the tube near the point where it leaves the die, below
the zone where it is inflated to a bubble. As the inflated, solidifying film moves

 Extruder

 Freeze line

 Air inlet

Mandrel

 Two  station windup

Guide
 rolls

Collapsing 
guide

 Nip rolls

Fig. 3.17 Schematic drawing
of tubular film extrusion



3 Polymeric Biomaterials 117

upwards, it is gradually deformed into the layflat form by the action of guide rolls.
A pair of rubber-covered nip rolls collapses the film completely and thereby seals
in the inflating air that expanded the molten film issuing from the die into a bubble.
A windup roll then rolls the flattened film up, pulling it upwards continuously away
from the die.

3.9.2 Injection Molding

Of the various processes, injection molding is the most widely used. The following
three operations are carried out successively. The thermoplastic resin, in the form
of pellets, is heated, melted, and pushed into the die cavity, which is filled with
the melt. The molten plastic cools and solidifies in the mold while under pressure.
Finally, the mold is opened and the part is ejected. Molds may have several cavities
for the simultaneous molding of several parts. Two types of machines are used to
melt and inject the resin into the mold, a plunger injection molding machine and a
reciprocating screw injection molding machine. The plunger molding machine is fit-
ted with a hydraulic arm that compresses the resin pellets at the same time that they
are heated and melted. The molten resin is pushed through a nozzle into the mold
cavities and cooled under pressure to below its melting or glass transition temper-
ature. The molten resin shrinks on cooling, the mold is opened, and the solidified
plastic parts are ejected.

The second molding machine, equipped with a reciprocating screw, mixes and
homogenizes the melting resin. The screw resembles that of the single screw
extruder depicted in Fig. 3.17, except that it is moved forward and backward in the
barrel by a hydraulic mechanism. The resin is fed from a hopper into the barrel, plas-
ticized and melted by the rotating screw. The screw, then acting as a plunger, forces
the melt into the mold cavities, where the plastic cools and solidifies. The molded
plastic is then ejected from the mold cavities. The molten resin shrinks on cooling
and solidifying because its density decreases with rising temperature. Amorphous
plastics shrink far less on solidifying than semi-crystalline plastics owing to crystal-
lization of the latter. Molds are filled under high pressure. By compressing the melt,
more material is made to flow into the mold cavity, reducing the shrinkage on cool-
ing. The average linear shrinkage of polystyrene on cooling from ∼100 ◦C to room
temperature ranges from 3.5% at atmospheric pressure to 1.4% at 10,000 PSI. The
corresponding linear shrinkage of polyethylene is 7% and 5%, respectively. These
values are higher because polyethylene is semi-crystalline whereas polystyrene is
amorphous.

3.10 Future Trends in Biomedical Uses of Biopolymers

This chapter illustrates some of the polymers use in medical sciences. In the past,
medical sciences used polymers in much smaller amounts than other industries such
as textile, packaging and tire industries. Therefore, the manufactures of plastics and
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elastomers found no economic incentive to tailor make polymers for the special
needs of industry, nor to seek clearance from the FDA for the application of existing
polymers.

An example of the latter situation is methyl cyanoacrylate, which has been used
in an industrial glue for many years. It has been employed successfully to repair
incisions or tears in a variety of tissues and organs.

Presently, medical scientists, commercial laboratories, and some pharmaceutical
companies design, prepare, manufacture and process or fabricate their own polymers
in accordance with their specialized requirement. In addition to sutures, implants of
plastics and elastomers in human bodies are widely used for repair or replacement of
tissues, organs or parts of organs. Some of the problems encountered with implants
are degeneration of adjoining tissues and formation of blood clots and thrombi on
the surfaces of implant synthetic polymers, enlargement of implants through sorp-
tion of lipids or moisture, which constitutes a problem with precision parts and
corrosion, and weakening of implants due to the interaction with enzymes or other
physiologic compounds and/or mechanical stresses. A skin substitute to cover burns
has recently been introduced. It is a composite made of an outer layer of silicone
elastomer to protect the wound from infection and dehydration, bonded to a porous
bottom layer that is adhesive and biodegradable consisting of cross-linked colla-
gen combined with glycosaminoglycan. After the skin has grown back underneath
this composite film, the bottom layer is biodegraded and the elastomeric top layer
sloughed off. Considerable research is in progress to achieve biocompatibility of
synthetic polymers through surface modification to prevent blood clotting and to
search for strong and more durable polymers.
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Chapter 4
Biomaterials: Processing, Characterization,
and Applications

Damien Lacroix and Josep A. Planell

4.1 Introduction

Biomechanics is the study of the mechanics of a part or function of a living body
and of the forces exerted by muscles and external loading on the skeletal structure.
Biomechanics dates back to ancient times where the study of arthritis was known to
be induced by joint disease. But it is only at the beginning of the twentieth century
that biomechanical studies of joint materials such as articular cartilage, ligament,
and bone began. Living tissues have some similarities with conventional engineer-
ing materials although they usually have complex structures that make them more
difficult to study. In this chapter, a description of the composition and structure of
the main tissues found in mammals is given. The relations between composition,
structure and biomechanical properties are presented for bone, cartilage, skin, ten-
dons and ligaments, muscles, and blood vessels and arteries. Finally, some aspects
of joint biomechanics are described.

4.2 Bone Biomechanics

4.2.1 Bone Composition and Structure

4.2.1.1 Composition

Bone is a hard connective tissue that fulfils three main functions: (1) it gives support
to the body structure, (2) it serves as a protection shield against external loadings,
and (3) it provides a framework that allows skeletal motion. Bone is made up of
a mineral or inorganic phase (60–70% of the tissue), of water (5–%), and of an
organic matrix that makes up the remainder. Approximately 90% of the organic
matrix is collagen and 10% noncollagenous proteins. Bone strength is given mainly
by its mineral phase made of impure hydroxyapatite crystals (Ca10(PO4)6(OH)2)
with carbonate ions. The small crystals are in the shape of needles, plates and rods
located within and between collagen fibers. The plate-like crystals have dimensions
of 20–80 nm long and 2–5 nm thick.
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Bone contains four types of cells: (1) osteoprogenitor cells, (2) osteoblasts,
(3) osteocytes, and (4) osteoclasts, of which osteocytes are the most abundant. Bone
contains a small number of mesenchymal cells called osteoprogenitor cells that have
the ability to proliferate and differentiate into osteoblasts. The bone matrix is pro-
duced by the osteoblasts that differentiate into osteocytes when surrounded by bone
matrix. Osteocytes are mature bone cells with extensive cell processes that project
through the canaliculi. Through a network of cells, they establish contact and com-
munication between adjacent osteocytes and the central canals of osteons via gap
junctions. The transmission of information is possible between osteocytes them-
selves and between osteocytes and osteoblasts on the bone surface through rapid
fluxes of bone calcium across the gap junctions. In addition to the gap junctions,
the interstitial fluid that surrounds the osteocytes and their processes provides an
additional route for the diffusion of nutrients and waste products. This information
network is also linked to osteoclasts activity that are giant cells with 50 or more
nuclei, and have the function of removing bone matrix.

Bone can be viewed as a composite material made of solid and liquid phases.
The solid phase is represented by the mineral phase whereas the liquid phase
is represented by the interstitial fluid. The solid phase is made up of collagen
type I produced by osteoblast bone cells. Apart from collagen type I, osteoblast
produces a variety of noncollagenous proteins, including osteocalcin, osteopon-
tin, osteonectin, and proteoglycans; regulatory factors, such as cytokines, growth
factors, and prostaglandins; and neutral proteases, alkaline phosphatase, and other
enzymes that degrade the extracellular matrix and prepare it for calcification.

Bone collagen is constructed in the form of a triple helix of two identical α1(I)
chains and one unique α2 chain stabilized by hydrogen bonding between hydrox-
yproline and other charged residues. This configuration gives a fairly rigid linear
molecule 300 nm long. Each molecule is aligned with the next in a parallel fashion
in a quarter-staggered array to produce a collagen fibril. The collagen fibrils are then
grouped in bundles to form the collagen fiber.

4.2.1.2 Bone Structure

There are two types of bone: trabecular (spongy or cancellous) bone and cortical
(dense or compact) bone (Fig. 4.1). Trabecular bone is found in the epiphysis and
metaphysis of long bones and inside flat or small bones. Trabecular bone has an
extensive network of small and interconnected plates and rods of individual tra-
beculae oriented according to the external loading. Cortical bone consists of layers
with vascular channels surrounded by lamellar bone. This arrangement is called the
osteon or Haversian system. The central canal of an osteon contains cells, vessels,
nerves and the canals connecting osteons are called Volkmann’s canals.

At the microscopic level, trabecular and cortical bones consist of two forms:
woven and lamellar. Woven bone is considered immature bone, or primitive bone,
and is found in the embryo, the newly-born, and in fracture healing. Woven bone
has a matrix of interwoven coarse collagen fibers with osteocytes distributed more
or less at random. It is less organized than lamellar bone. Woven bone is replaced
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Fig. 4.1 Structure of osseous tissue (adapted from Martini 1989)

by lamellar bone at age 2 or 3 years. Lamellar bone is a mature bone that results
from the remodeling of immature woven bone. Lamellar bone is highly organized;
stress-oriented collagen of lamellar bone gives its anisotropic properties.

4.2.1.3 Bone Physical Properties

One of the fundamental difference between cortical and trabecular bone is its appar-
ent porosity. Apparent porosity is the ratio of the mass bone tissue in a specimen
to the bulk volume of the specimen. Typical apparent density for cortical bone and
trabecular bone are 1.85 g/cm3 and 0.30 g/cm3 respectively with a much higher vari-
ability and standard deviation for trabecular bone. Physical properties vary from
one bone to another depending on various parameters such as apparent density,
ash density (total mineral content divided by bulk volume), histology (number of
osteons, primary versus secondary bone), collagen composition and content, orien-
tation of the collagen fibers and mineral, composition of the cement lines, bonding
between the mineral and collagen phases, and accumulation of microcracks in the
bone matrix and around osteons. Apparent density can be correlated to Young’s
modulus and ultimate strength using a power law with exponents for modulus rang-
ing from 1.5 to 7.5. Volume fraction (proportional to apparent density) and mineral
content (proportional to ash density) can also be correlated to Young’s modulus
and strength using a power law. Bone mineral content is the ratio between the min-
eral weight and the dry weight of the bone sample. The bone sample is burnt to
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determine its mineral content or the ash fraction. Water content is also important in
the mechanical properties of cortical bone. Wet bone, as found in situ, is less stiff,
less strong, and less brittle than fully dried bone.

4.2.2 Biomechanical Properties of Bone

Bone has a major advantage over engineering structural materials in that it is
self-repairing and can alter its properties and geometry in response to changes
in mechanical and metabolic demand. Bone properties also change from species
to species. Bone physical properties differ from one person to another but also
within one individual from one location to another. Due to its different apparent
porosity, mechanical properties of trabecular bone and cortical bone are clearly
different.

4.2.2.1 Cortical Bone

Cortical bone accounts for approximately 80% of the skeletal mass. Cortical bone
and relatively stiff trabecular bone have Young’s moduli of about 17 GPa and 1 GPa
respectively (it also depends on the specie and on the type of bone). Thus, most
metals used in orthopedic applications are an order of magnitude stiffer than cor-
tical bone. Human cortical bone is usually considered to be transversely isotropic
with mechanical properties substantially different in the longitudinal direction (par-
allel to the axis of the osteons) than in the radial or circumferential directions but
it has similar properties in the radial and circumferential directions. The modulus
of cortical bone in the longitudinal direction is approximately 1.5 times its modulus
in the transverse direction. Cortical bone has a higher strength in compression than
in tension, and is stronger in the longitudinal direction than in the transverse direc-
tion. For longitudinal loading, cortical bone is a tough material because it can absorb
substantial energy before fracture. Furthermore, cortical bone can be classified as a
relatively ductile material for longitudinal loading since its ultimate strain for lon-
gitudinal loading is substantially larger than its yield strain. However, it is rela-
tively brittle for transverse loading. Cortical bone exhibits a viscoelastic behav-
ior, i.e., it is sensitive both to strain rate and the duration of the applied loads
(Fig. 4.2). Elastic modulus and strength have a power law correlation with strain
rate with a coefficient of 0.06 approximately. The in vivo strain rate for bone can
vary from of 0.001 to 0.01 per second in the course of daily activities. Thus, in this
range of strain rate, the Young’s modulus increases by approximately 15% whereas
it is about 20% stronger (Fig. 4.3). At very high strain rates representing high-impact
trauma, cortical bone becomes more brittle. Thus, cortical bone exhibits a ductile to
brittle transition as the strain rate increases. The three characteristic stages of creep
behavior as described in many conventional engineering materials is also observed
in cortical bone (Fig. 4.4). The mechanical properties of cortical bone progressively
deteriorate with aging for both men and women. During aging there is an embrittle-
ment of cortical bone with a reduction in energy absorption (area under stress-strain
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Fig. 4.2 Strain rate dependence of cortical bone
material behavior. Both modulus and strength
increase for increased strain rates (adapted from
McElhaney 1966)

Fig. 4.3 Dependence of modulus
and ultimate tensile strength of
human cortical bone for
longitudinal loading as a function
of strain rate (adapted from Wright
1976)

curve) due to a reduction in ultimate strain and therefore cortical bone becomes
more brittle. As in any conventional engineering materials cortical bone is sub-
jected to fatigue failure. However, due to its ability to remodel, fatigue failure can be
reduced significantly. Cracks that have been formed during strenuous activities can
be closed and repaired through bone remodeling activity. The fatigue mechanism
for cortical bone can be described in three characteristic stages of fatigue fracture,
corresponding to crack initiation, crack growth (propagation), and final fracture. In
the primary stage, crack initiates due to local stress concentration given by haver-
sian canals, lacunae, or canaliculi. In the secondary stage, crack propagation results
in a slow but steady further decrease in stiffness and strength. These microcracks
propagate and tend to join together once they progress beyond the initiation stage.
In the tertiary stage, fracture is preceded by a rapid decrease in the ability to support
load. The larger cracks run into weak material interfaces (cement lines) between the
osteons and can lead to debonding of the osteons. However, imperfections in bone
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Fig. 4.4 Schematic diagram
showing the three stages of
creep behavior of human
cortical bone (adapted from
Carter and Caler 1985)

microstructure, such as the cement line, tend to stop the progression of cracks by
changing the direction of crack propagation from perpendicular to the loading direc-
tion to parallel to the loading direction. The final stage of fatigue fracture occurs
because cracks coalesce and become so large that the weak interfaces can no longer
absorb them. The cracks can thus cross the bone and induce bone failure.

4.2.2.2 Trabecular Bone

Material properties of trabecular bone vary widely depending mainly on the
anatomic location and age, for which the apparent density and the architecture can
be markedly different. Trabecular bone is best described as an open-celled porous
foam. Since trabecular bone is made up of a series of interconnecting trabeculae, it
can be idealized as a combination of rod-rod, rod-plate, or plate-plate basic cellu-
lar structures where rods and plates represent thin and thick trabeculae respectively.
The mechanical properties can vary by a factor of 10 depending on the type and
orientation of these basic cellular structures. The architecture of trabecular bone
depends on the thickness of individual trabeculae, and the spacing between tra-
beculae. The architecture of trabecular bone results in anisotropic elastic proper-
ties found in elderly lumbar spine. However, in contrast to cortical bone, trabecu-
lar bone is nearly isotropic at some anatomic sites like the proximal humerus. For
isotropic bones, the elastic modulus and the ultimate strength of trabecular bone in
any direction are related to its apparent density by a power-law relationship of the
form E = a + bρc where a, b and c are constants that depend on the architecture of
the tissue (Fig. 4.5). In general, the exponent c has a value of approximately 2.

Trabecular bone under compression has similar characteristics to porous foam
materials such as wood. In the first stage, bone deforms in the linear elastic region,
in which individual trabeculae bend and compress as the bulk tissue is compressed
(Fig. 4.6). In the second stage, some trabeculae fail or buckle without increase
of loading. As more and more trabeculae fail, the strain increases until broken
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Fig. 4.5 Compressive modulus as a function of
apparent density for trabecular bone (adapted from
Keaveny and Hayes 1993)

Fig. 4.6 Example of typical
compressive stress-strain behaviors
of trabecular and cortical bone for
different apparent densities
(adapted from Keaveny and Hayes
1993)

trabeculae begin to fill the pores, causing the specimen to stiffen. Thus, trabecular
bone has a unique ability to resist a large compressive load for a minimal mass. This
energy absorption allows compressive strains of over 50%. As in fiber-reinforced
concrete, the tensile behavior of trabecular bone is poorer.

4.2.3 Bone Remodeling

Bone remodels throughout life to adapt its mechanical properties to the mechanical
demands placed on it. Bone remodeling occurs on periosteal, endosteal, haversian
canal, and trabecular surfaces. Metabolic turnover of trabecular bone is about eight
times greater than that of cortical bone because of its greater surface area for cel-
lular activity. Bone turnover is achieved through the joined activity of osteoclast,
resorbing bone, and osteoblast, depositing bone.

Osteoclast binds to the bone surface through cell attachment proteins called inte-
grins, and they resorb bone by isolating an area of bone under the region of cell
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Fig. 4.7 Scanning electron microscopy pictures of (a) a normal spongy bone and (b) a spongy
bone with osteoporosis (taken from Martini, 1989)

attachment. The osteoclast then makes the local environment more acidic by pro-
duction of hydrogen ions through the carbonic anhydrase system. The lowered pH
increases the solubility of the apatite crystals, and after the mineral is removed, the
organic components of the matrix are hydrolyzed through acidic proteolytic diges-
tion. Then osteoblasts produce bone matrix and osteoblasts become entrapped to
differentiate into osteocytes.

With age, bone density diminishes and architecture changes. The reduction in
density depends on a number of factors, including gender and anatomic site and is
called osteoporosis (Fig. 4.7). In the lumbar spine, direct measurements have shown
a decrease in trabecular bone density of approximately 50% from ages 20 to 80
years. With decreasing density, the number and thickness of the trabeculae decrease
with preferential loss of vertical trabeculae, while the size of the intertrabecular
spaces increases.

4.3 Cartilage Biomechanics

4.3.1 Cartilage Composition and Structure

4.3.1.1 Structure

Articular cartilage is a supporting connective tissue that consists primarily of a large
extracellular matrix (ECM) with a sparse population of specialized cells (chondro-
cytes) distributed throughout the tissue. These cells live in small pockets called lacu-
nae. The primary components of the matrix are water, proteoglycans, and collagens,
with other proteins and glycoproteins present in lower amounts (Fig. 4.8). Cartilage
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Fig. 4.8 Schematic representation of the
distribution of proteoglycans, collagen and
water through articular cartilage (adapted
from Mow et al. 1984)

is avascular, and all nutrient and waste product exchange must occur by diffusion
through the matrix.

There are three major types of cartilage in the body: hyaline cartilage, elastic
cartilage, and fibrocartilage. Hyaline cartilage is the most common type of car-
tilage and is found mainly at bony joints. It provides stiff but somewhat flexible
support because it contains closely packed collagen fibers. It also reduces friction
between bony surfaces. Elastic cartilage contains numerous elastic fibers that make
it extremely resilient and flexible. It is found in the tip of the nose or in the external
ear. Fibrocartilage has little ground substance, and its matrix is dominated by colla-
gen fibers. The collagen fibers are densely interwoven, making this tissue extremely
durable and tough. It is found in the intervertebral disc between spinal vertebrae,
between the pubic bones of the pelvis, and around or within a few joints and ten-
dons. Fibrocartilage can resist compression, absorbs shocks, and prevents damaging
bone-to-bone contact.

The articular cartilage can be divided into four zones from the articular cartilage
to the subchondral bone: the superficial zone, the middle or transitional zone, the
deep zone, and the zone of calcified cartilage (Fig. 4.9). The structure and composi-
tion of each zone is different. The superficial zone (10–20% of the total thickness) is
the uppermost zone of the cartilage and forms the gliding surface. The thin collagen
fibrils and the chondrocytes are aligned with the long axis parallel to the surface,
the proteoglycan content is at its lowest level, and the water content is at its highest
level. In the middle zone (40–60% of the total thickness), collagen fibers have a
larger diameter and are organized more loosely, and the chondrocytes have a more
rounded appearance. As opposed to the superficial zone, the deep zone (around 30%
of the total thickness) has the highest concentration of proteoglycans and the lowest
water content. The collagen fibers have a large diameter and are organized perpen-
dicular to the joint surface. The chondrocytes are spherical and often are arranged
in a columnar fashion. The deepest layer, the zone of calcified cartilage, separates
the hyaline cartilage from the subchondral bone.
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Fig. 4.9 Schematic diagram
of articular cartilage
organization (adapted from
Mow et al. 1989)

4.3.1.2 Composition

Within the solid matrix of articular cartilage, chondrocytes represent less than 10%
of the total volume tissue and are responsible of the maintenance of the ECM. Within
articular cartilage collagen types II, V, VI, IX, X, and XI are found of which col-
lagen type II represents 90–95% of the total. They are cross-linked in an intrafib-
ril network of proteoglycan gel to provide greater stability and strength. Collagens
provide the tissue’s tensile and shear properties and immobilize the proteoglycans
within the ECM. Proteoglycans are complex macromolecules consisting in a protein
core with covalently bound polysaccharide (glycosaminoglycan) chains (Fig. 4.10).
Glycosaminoglycans (GAGs) consist of long-chain, flexible, unbranched, repeating
disaccharide units.

Normal cartilage has water content ranging from 60% to 80% of its total weight.
Water content decreases from the superficial zone (80%) to the deep zone (60%).
The remaining wet weight of the tissues come from collagens and proteoglycans.
Several other classes of molecules, including lipids, phospholipids, proteins, and
glycoproteins, make up the remaining portion of the ECM. Inorganic salts, such as
sodium, calcium, chloride, and potassium, are dissolved in the tissue water. Water
content within cartilage is very important since it influences the metabolic, chem-
ical, and mechanical environments. Most of the water may be moved through the
ECM by applying a pressure gradient across the tissue, or by compressing the solid
matrix. Cartilage has the ability to withstand high compressive loading due to the
hydrophilic nature of proteoglycans. Proteoglycans have the ability to attract water
through two physiochemical mechanisms: (1) Donnan osmotic pressure and (2)
the entropy tendency of the proteoglycan to gain volume in solution. The Donnan
osmotic pressure is induced by the movement of counterions Ca2+ and Na+ within
the interstitial fluid to neutralize the negative charges of the proteoglycans, or is
caused by the electrostatic repulsion of the proteoglycans. Thus, when water is in
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Fig. 4.10 Drawing of an aggregated proteoglycan (adapted from Rosenberg 1975)

contact with proteoglycans, a cohesive and strong solid matrix is formed that retains
easily water.

4.3.2 Biomechanical Properties of Cartilage

4.3.2.1 Permeability

The articular cartilage found in articulations is subject to high repetitive loads for
many decades. Thus, the microstructure of cartilage is organized into a strong and
fatigue resistant matrix that can sustain the high stresses generated by these loads.
This soft solid matrix is porous and permeable to the water contained within the
microscopic pores. This water can flow through the matrix by the application of a
pressure gradient or by compression of the matrix. Thus, the biomechanical proper-
ties of articular cartilage are those of a biphasic material similar to a sponge, com-
posed of a solid phase and a fluid phase.

The permeability of a material is a property related to the ability of a fluid to flow
through a solid matrix. When a pressure gradient ΔP is imposed across a height h or
generated through compression, fluid flows at a volume rate Q across the permeating
area A. Darcy’s law is used to relate Q with the hydraulic permeability coefficient
k as follows: Q=kA(ΔP/h). The permeation speed V is defined as V=Q/Aφf where
φf is the tissue porosity. Results from experiments show that for normal cartilage,
the permeability coefficient k ranges from 10−15 to 10−16 m4/Ns. The diffusive drag
coefficient K defined as K=(φf)2/k, has a high value which indicates that large drag
forces are generated within cartilage when fluid flows. Equivalently, this indicates
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Fig. 4.11 Permeability of normal bovine articular cartilage showing nonlinear strain dependence
and pressure dependence (taken from Mow et al. 1991)

that very high pressures are required to move water through the cartilage. Water will
also flow through the porous-permeable solid matrix as the tissue is compressed.
The compression of the solid matrix increases the fluid interstitial fluid pressure and
therefore forces the fluid out of the tissue. Interstitial fluid pressure provides a sig-
nificant component of total load support, thus minimizing the stress acting on the
solid matrix. Articular cartilage permeability decreases nonlinearly with compres-
sion (Fig. 4.11). This strain-dependant permeability has two major advantages: (1) it
provides a rapid initial exudation of fluid with loading and (2) for further compres-
sion, it is more difficult for the fluid to flow and therefore higher fluid pressure are
generated which protect the matrix from stresses. This regulatory system has signif-
icant influence on aspects such as nutrition requirements of the normal tissue, the
joint lubrication, the ability to bear loading and finally on tissue wear.

4.3.2.2 Viscoelastic Properties

Articular cartilage is viscoelastic; it will exhibit a time-dependent behavior when
subjected to a constant load or constant deformation. In articular cartilage, there
are two mechanisms responsible for viscoelasticity: a flow-independent and a flow-
dependent mechanism. The flow-independent viscoelastic behavior is measured
with a pure shear experiment in which no fluid flow occurs within the tissue and
viscoelasticity is due to properties of the microstructure. Pure shear experiment
provides a direct method to determine the flow-independent viscoelastic properties
of articular cartilage since no pressure gradient or volume changed is developed.
Dynamic pure shear experiments have indicated that articular cartilage is rather
elastic (δ of 9◦ to 20◦) and that its shear properties are provided by the proteoglycan-
collagen structure and not by the proteoglycan-proteoglycan network.
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Fig. 4.12 Creep displacement from an
articular surface loaded with a rigid porous
filter. The continuous displacement is
followed by an exudation of fluid

The flow-dependent mechanism depends on interstitial fluid flow and pressuriza-
tion and corresponds to the movement of fluid as compression occurs as described
above. The interaction between the interstitial fluid and the solid matrix is funda-
mental. Interstitial fluid pressure provides support when cartilage is loaded in com-
pression. However, under constant load or slow motion load, the fluid exudes from
the matrix and the load is gradually transferred from the fluid to the matrix. After
sufficient time, equilibrium is reached, fluid pressure vanishes and load support is
provided entirely by the compressed collagen-proteoglycan solid matrix (Fig. 4.12).
This flow-dependant mechanism varies with loading rate. When the loading rate is
high, the fluid does not have sufficient time to flow out of the matrix. In contrast, for
a slow loading rate, tissue deformation increases as fluid flows.

4.3.2.3 Cartilage Swelling

Swelling is defined as the ability of a material to gain (or to lose) in size or weight
when soaked in a solution. For articular cartilage, swelling is mainly derived from
the negative charges of the proteoglycans that are packed in a space of 10–15 Å
apart. To counteract this negative charge, positive ions are necessary to maintain
electroneutrality and therefore the internal pressure is greater than the pressure in
the external environment. For normal cartilage equilibrated in physiologic saline
(0.15 M NaCl), the swelling pressure has been calculated to range from 0.1 to
0.25 MPa.

4.3.3 Cartilage Degeneration

The most apparent early changes in human osteoarthritic cartilage are increased
water content and decreased proteoglycan content. The results of such changes is to
increase tissue permeability and thus to decrease the ability for the fluid to bear the
load. Therefore, the collagen-proteoglycan solid matrix is subjected to a higher load
which is detrimental for the long term survival of cartilage, and may be an important



136 D. Lacroix and J.A. Planell

factor in the development and progression of cartilage degeneration in patients with
osteoarthritis.

4.4 Skin Biomechanics

4.4.1 Skin Composition and Structure

The cutaneous membrane, or skin, has two components: the superficial epithelium
or epidermis, and the underlying connective tissue of the dermis (Fig. 4.13). An
extensive network of blood vessels branches through the dermis, and sensory recep-
tors that monitor touch, pressure, temperature, and pain provide valuable informa-
tion to the central nervous system about the state of the body. The main functions
of the skin include (1) protection of underlying tissues and organs, (2) excretion
of salts, water, and organic wastes, (3) maintenance of normal body temperature,
(4) synthesis of a steroid, vitamin D3, that is subsequently converted to the hor-
mone calcitriol, important to normal calcium metabolism, (5) storage of nutrients,
(6) detection of touch, pressure, pain, and temperature stimuli and the relay of infor-
mation to the nervous system.

The body is covered with two types of skin: thin skin and thick skin with lay-
ers of epithelial cells called keratinocytes. Most of the body is covered by thin skin

Fig. 4.13 Structure of the
epidermis. A portion of the
epidermis in thick skin,
showing the major stratified
layers of epidermal cells
(adapted from Martini 1989)
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of four layers with a total thickness of 0.08 mm. Thick skin such as that found in
the sole and palm may be as much as six times thicker than thin skin and contains
five layers (Fig. 4.13). Starting from the basement membrane and going towards the
free surface, in thick skin we find the stratum germinativum, the stratum spinosum,
the stratum granulosum, the stratum lucidum, and the stratum corneum. The stratum
germinativum is firmly attached to the basement membrane. The contours of the skin
surface follow the ridge patterns, which vary from small conical pegs (in thin skin)
to the complex whorls seen on the thick skin of the palms and soles. Ridges on the
palms and soles increase the surface area of the skin and increase friction to provide
better grip. Through division of the progenitor cells in the stratum germinativum,
cells migrate to the next layer, the stratum spinosum. The stratum spinosum con-
sists of 8–10 layers of cells, where the keratinocytes are bound together by desmo-
somes. The layer of cells above the stratum spinosum is the stratum granulosum
that consists of 3–5 layers of keratinocytes. In thick skin, a glassy stratum lucidum
covers the stratum granulosum. The cells in this layer are flattened, densely packed,
and filled with keratin. The stratum corneum is found at the interface of both thick
and thin skin. There are normally 15–30 layers of keratinized cells in the stratum
corneum. The dead cells within each layer of the stratum corneum remain tightly
interconnected by desmosomes. It takes 15–30 days for a cell to move from the stra-
tum germinativum to the stratum corneum.

4.4.2 Biomechanical Properties of Skin

As in other tissues, mechanical properties of skin can be obtained in vitro with
conventional testing methods. However, control of humidity and temperature are
a requisite. When skin is stretched at a slow rate (5 cm/min), the stress strain
curve exhibits an initial short portion, where elongation occurs without much force.
Then, elongation increases in an exponential manner until, at high extensions, it
becomes almost a straight line indicating an elastic behavior immediately before
rupture occurs. The tensile strength of skin ranges from 5 to 30 MPa, with the
mean showing a maximum of about 21 MPa at 8 years, declining to about 17 MPa at
95 years. The ultimate strain varies from about 35% to 115% with a mean value of
around 70%.

As in other soft tissue, skin exhibits a viscoelastic behavior. When the skin is
stretched, it adapts its internal collagen network structure to minimize the strain.
Thus relaxation and creep also occur in stretched skin. Some hysteresis is also
observed when a skin sample is stretched at a given loading rate and unloaded at
the same rate. The difference of area between the loading and unloading curves rep-
resents the energy lost in the system. The relative amount of energy loss is a measure
of the viscosity of the sample. In general, this viscosity parameter decreases from
youth to senescence. The elongation still present after each unloading cycle (the
residual tension) indicates the plasticity of the skin and is not age dependent. How-
ever, the ability of the skin to relax or creep for a given strain or load decreases
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with age. This indicates a loss of plasticity with age. Thus, skin has a complex vis-
coelastic behavior. In general, young skin is less protective against large strains than
older skin, young skin is more viscous (or plastic) than older skin, older skin has a
proportionately greater elastic region in its stress strain behavior than younger skin.
It appears as well that strength and elastic properties of skin are determined by the
collagen content, and not the elastin or ground substance components.

Skin displays anisotropic behavior; it was demonstrated by Langer that after hav-
ing excised a circular patch of skin from a corpse, the circular shape changed into
oval. This behavior known as the Langer lines is due to the anisotropic properties
of skin as well as to residual stress. It is believed that skin anisotropy is strong with
the ratio between the two main moduli being 5.

4.5 Tendon and Ligament Biomechanics

4.5.1 Structure and Composition

Tendons and ligaments are dense connective tissues. Tendon is a complex fibrocar-
tilage material made of collagen fibrils embedded in a matrix of proteoglycans with
relatively few cells. Ligaments are short bands of tough, flexible fibrous connective
tissue that connect bones and support viscera. Tendons and ligaments are composed
of fibroblast cells that are arranged in the spaces between the parallel collagen bun-
dles. The function of tendon is to link muscle to bone or fascia and to transmit loads
in tension from the muscle to the bone or fascia to induce movements of parts of the
body through articular joints. The function of ligament is to stabilize articular joint
and guide its movement in order to prevent instabilities.

The major constituent of tendon and ligament is type I collagen (86% fat-free dry
weight for tendon and 70% fat-free dry weight for ligament). Tendons and ligaments
are arranged in a hierarchy of four structures. The primary structure of the colla-
gen chain consists of more than 60% of three amino acids: glycine (33%), praline
(15%), and hydroxyproline (15%). The secondary structure of collagen relates to the
arrangement of each chain in a left-handed configuration, and in its tertiary structure
three collagen chains are combined into a collagen molecule. The quaternary struc-
ture of collagen consists in the organization of collagen molecules into a stable, low
energy biologic unit based on a regular association of adjacent molecules’ basic and
acidic amino acids (Fig. 4.14).

Ligaments and tendons differ in a number of ways. Physically, ligaments are
short and wide tissues that connect between bones to carry load, whereas tendons
are long and narrow tissues that connect muscle to bone. Biochemically, ligaments
contain a lower percentage of collagen and a higher percentage of ground substance
than tendons. Biomechanically, the collagen fibers in tendons are more longitudi-
nally organized than those in ligaments. Ligaments have a function of joint stability
and therefore experience a more varied loading which induce a more varied distri-
bution of fiber directions.
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Fig. 4.14 Hierarchic structure of a tendon (adapted from Kastelic et al. 1978)

4.5.2 Biomechanical Properties of Tendons and Ligaments

Tendons and ligaments have very a high tensile strength property due to the arrange-
ment and properties of its collagen fibers. The collagen fibers are arranged parallel
to the direction of tensile force, and the mechanical properties of tendons and liga-
ments are influenced by collagen composition, fiber orientation, and the interaction
between the collagen and surrounding ground substance.

The load-elongation curve of the bone-tendon-muscle structure begins with a toe
region, in which the tendon can stretch easily at low load (Fig. 4.15). This is due to
the straightening of the crimped fibrils and the reorientation of the fibers in the direc-
tion of loading. The toe region can extend up to a deformation of 4% and is generally
smaller in tendon than in ligament because the initial orientation of collagen fibers
in the traction axis of the tendon. The elastic modulus of the linear load–elongation
curve ranges from 500 to 1200 MPa. The ultimate strength to traction of a tendon
can vary between 50 and 100 MPa. The maximum elongation before rupture varies
between 10% and 15%. Tendons exhibit viscoelastic properties and show hysteresis
during loading cycles. For repeated loading and unloading cycles with short peri-

Fig. 4.15 Load-displacement curve from a rabbit tendon until rupture at a constant speed (adapted
from Viidik 1967)
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Fig. 4.16 Preconditioning of anterior cruciate ligament. Stress-strain curves and relaxation curves
are represented for the first three cycles (adapted from Viidik 1967)

ods of relaxation between cycles, it is observed that the load-elongation curves are
displaced to higher elongation for the same load indicating an increased in the toe
region (Fig. 4.16). With repeated loadings, a decrease in hysteresis and an increase
in the slope of the linear curve are also observed indicating respectively an energy
loss and a stiffening of the tendon. Relaxation tests after these loadings show a
decrease in the tissue ability to relax (Fig. 4.16). This additional viscoelastic effect
in tendons and ligaments is called preconditioning. Following this preconditioning,
the behavior of tissues becomes more repeatable.

Since tendons and ligaments are viscoelastic, their properties are strain-rate
dependent: an increased elongation rate (and therefore a higher strain rate) will make
them appear stiffer. Tensile properties of tendons and ligaments vary depending on
the anatomic location and increase with exercise. Age has also a great influence.
The modulus increases with age (up to skeletal maturity) and then remains rela-
tively constant.

Rupture of tendons occurs when the maximum strain is overreached. In such
cases, the disorganization of fibers happens and the fibers break. Fibers do not
break all at once but sequentially. Strain rate is very important in the rupture of the
ligament-bone complex. For high strain rates, the ligament usually fails, whereas at
low strain rate the bony insertions usually fail. This may indicate that at high strain
rate, bone is stronger than ligaments.

4.6 Muscle Biomechanics

4.6.1 Muscle Structure and Composition

Skeletal muscle is the largest tissue mass in the body, corresponding to 40–45%
of the total body weight. It contains active or contractile elements and passive or
inert elements. It is a composite material that consists of muscle cells, organized
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Fig. 4.17 Distribution of the
muscle fibers

networks of nerves and blood vessels, and an extracellular connective tissue matrix.
Nearly 80% of the muscular weight are muscular fibers or excitable cells, capable
of contraction following a physiologic stimulus given by a nervous channel.

Muscle fiber is the main component of skeletal muscle. It is a syncytium of
many cells fused together with multiple nuclei. Fiber arrangement can be paral-
lel or oblique to the long axis of the muscle (Fig. 4.17). Muscle fibers are organized
into contractile units embedded in the surrounding connective tissue to provide a
joined motion of the fibers. Within the fibers are enclosed the myofibrils. Muscle
fibers are arranged together as fascicles, which are large enough to be visible to the
naked eye. The connective tissue surrounding fascicles is called the perimysium.

Since muscle function depends very much on its fiber properties, the main types
of muscle fibers (I, II and other intermediate types) differ depending on its his-
tochemical, ultrastructural, and physiologic properties. Fibers type I, or slow or red
fibers, have an oxidized metabolism and a high content in oxyhemoglobin that allow
specialization in strong and slow contractions. Fibers type II, or fast or pale fibers,
have a glycolic metabolism and are used for quick and precise movements. From
a functional point of view, muscle fibers are grouped together to form motor units
controlled by neuronal signal. In one motor unit, all fibers are of the same type.
Depending on the function of the muscle, there is a higher proportion of fibers of
type I or II and therefore there are slow and quick muscles. However, depending
on the training, the proportion of fibers can be altered and therefore the muscle can
behave as one type or another.

The functional and contractile properties of muscles are mainly determined by
fiber properties and fiber arrangement (Fig. 4.18). When muscle contracts, the fibers
shorten and the tendon moves in the direction of pull. Since some fibers are pen-
nated, the resultant force acting along the axis of pull is reduced by cos α where α

is the angle of pennation. Although this arrangement reduces the force transmitted
to the tendon, it allows a larger number of fibers to be packed in a smaller cross-
sectional area. The maximal force produced and the speed of shortening by a mus-
cle is proportional to its physiologic cross-sectional area (PCSA) and the individual
muscle fiber length. The architectural arrangement of muscle fibers is quite specific
to the task of a muscle.
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Fig. 4.18 Levels of functional organization in a skeletal muscle fiber (adapted from Martini 1989)

4.6.2 Biomechanical Properties of Muscles

Three types of axial mechanical tests can be performed to determine the mechanical
behavior of muscles:

1. In isometric (same length) testing, muscle length is held constant, and the resul-
tant force is measured

2. In isotonic (same load) testing, a muscle is activated to resist to a constant load,
while length changes with time are assessed

3. In isokinetic (same speed) activation, the load accommodates to maintain a con-
stant velocity of shortening or lengthening

Muscle activation is seen with a force generation within the muscle. A muscle
shortens when the resisting load is less than that generated by the muscle, and this
condition is called concentric action (or contraction). A muscle lengthens when the
resisting force is greater than that generated by the muscle and it is called eccentric
action (or elongation). In a parallel muscle, the sum of the forces induced for each
fiber is the force measured in the tendon, whereas in a pennated muscle the force
induced by the fibers is the force measured in the tendon divided by the cosine of
the angle of pennation of the fibers.

Limb movement and human locomotion is produced through muscle force trans-
mission to the tendon. The area responsible for this force transmission is the
myotendinous junction, where there are highly folded membranes at the muscle-
tendon interface. The folding increases junctional surface area by 10 to 20 times
and therefore decreases the corresponding stresses.

Muscles demonstrate nonlinear, time-dependent viscoelastic responses similar to
those of other biologic tissues. An initial model of muscle was proposed by Hill
and consisted in two elements in parallel: an elastic component and in series an
elastic component with a contractile element (Fig. 4.19). Hill’s model can give a
general picture of muscle behavior, but it is relatively simple and therefore needs
improvement.
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Fig. 4.19 Hill’s three-element model. Classical representation
for the Hill model of muscle are CE = contractile element,
SEC = series elements, and PEC = parallel element (taken from
Garrett and Best 2000)

When a passive muscle is stretched, there is a ‘toe’ region with no tension due
to the realignment of fibers as described for tendons and ligaments. Then there is a
nonlinear increase in tension. In an activated muscle (by tetanically stimulating the
motor neuron) there is almost no ‘toe’ region and the tension produced is higher.
At larger stretches, the tension in activated muscle approaches that in passively
stretched muscle. In addition to its non-linear behavior, muscle tissue exhibits vis-
coelastic properties with strain rate being a determinant parameter. Muscle stretched
quickly is stiffer than muscle stretched slowly. Temperature effects are also impor-
tant: cold muscle is stiffer than warm muscle. Muscle tissue is a tissue that adapts
very rapidly to the mechanical environment such as observed in extreme cases in
athletes or astronauts.

4.7 Blood Vessel and Arterial Biomechanics

4.7.1 Composition and Structure of Blood Vessels and Arteries

Blood vessels are tubes of variable diameters and for which the relation between
the vessel diameter and the wall thickness is variable (Fig. 4.20). For example, the
aorta lumen diameter is around 2.5 cm and the wall thickness is 2 mm. The middle
size arteries have a diameter of 0.4 cm approximately and a wall thickness of 1 mm.
The arterioles have a diameter of 30 μm and a wall thickness of 20 μm. Thus, as the
arterial wall is reduced, the ratio of diameter against thickness increases.

The arterial wall consists of three layers: the intima, media, and adventia
(Fig. 4.21). The intima consists of the endothelial cells, the basement membrane,
and a layer composed of a diffuse aggregation of delicate collagen, elastin, reticular
fibers, as well as smooth muscle and other cells. The transition to media is marked
by an internal elastic membrane. The media is muscular and divided into concen-
tric layers by elastic lamellae which have fenestrations through which collagen and
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Fig. 4.20 Structure of blood vessels with views of the walls of arteries, veins and capillaries
(adapted from Martini 1989)

elastin fibers pass to tie the structure together three-dimensionally. The adventia
outside the external elastic membrane is a loosely organized connective tissue.

There are four types of vascular tissues: the endothelium, the elastic fibers, the
smooth muscle, and the lax connective tissue of adventia. At the surface of the inter-
nal wall of all vessels, there is only one layer of endothelial cells which function is
to give a smooth vascular wall as well as a water and solutes permeable surface. It
requires little force to deform the endothelial cells and therefore they contribute little
to the total elasticity of the vessels. Elastic fibers are numerous in all vessels except
the capillaries. They form the internal elastic layer in the shape of a mesh between
the intima and the media. They are also found sparsely in the media and adventia
layers. Elastic fibers can extend easily, more than six times than rubber, and can
increment many times its length before reaching its elastic limit. The function of the
fibers, elastic and collagenous, is to produce automatic elastic tension in a passive
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Fig. 4.21 Histologic structure of an artery (adapted from Martini 1989)

form and without energy loss, to resist the arterial pressure. Collagen fibers con-
stitute networks in the media and adventia layers. Collagen fibers are much stiffer
than elastic fibers (around 100 times more). But the configuration of the collage-
nous fibers does not bring any strength until a significant amount of deformation
has been achieved. Thus, vessels have an internal surface softer than the external
surface. The smooth muscle fibers are distributed circumferentially or helicoidally
to the wall and probably contribute little to the total passive elastic stiffness. The
function of the smooth vascular muscle is to produce an active stress through con-
traction. Smooth muscle is most present in arterioles and precapillaries. Thus, blood
vessels and arteries have mechanical properties of composite materials and are dif-
ficult to obtain.

4.7.2 Biomechanical Properties

Since the composition and structure of the arterial wall change along the arterial
tree, the mechanical properties also vary. Elastin is soft, elastic, and relaxes very
little, while collagen is also elastic, but has a much larger Young’s modulus than
elastin, and relaxes more than elastin. As any other soft connective tissues, arteries
are viscoelastic with an increased stiffness as deformation increases. Moreover they
present anisotropic properties with the elastic modulus that is about three times
higher in the radial direction than in the longitudinal direction. The stiffness of aorta
and large arteries also increases with age with lower ultimate strain. Until the age
of 20 years, changes are due to an increase in the arterial wall thickness. Later, it
is the stiffness of the tissues that increases due to the increase in collagen fibers.
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Elastic ultimate strain is reduced due an increase of the points of union between the
collagen fibers and with other wall structures and therefore limit more easily the
extension of the vessel.

Compliance is the property of the hollow organs to be distended and filled with a
fluid. The reservoir function of the vein vessels are mainly related with the pos-
sibility of deformation of the wall, whereas in the arteries it is only related to
the elasticity of the vascular wall. The elasticity in volume is defined as a rela-
tive increment of volume ΔV/V compared to an increment in pressure ΔP applied
over a unity of volume ΔV/V = 1/E ′∗ΔP where 1/E’ is defined as the vascular
compliance.

Thus, E ′ = V ΔP
ΔV is equal to the increment of pressure P that results from an

increase of volume of 100%. In other words, this is the elastic modulus in volume
and represents the hollow organ stiffness to distention, i.e., the inverse of compli-
ance. Similar properties between modulus of elasticity and compliance are obtained.
Vascular tissues have a markedly compliance at low pressure but decreases when the
pressure increases. At year 20, the aorta has a maximum compliance.

When fluid flows within the vessels, they induce stresses on the wall surface. The-
ses stresses vary depending on the pressure exerted within the vessels and the diame-
ter of the vessels (law of Laplace). There is an equilibrium between the intravascular
pressure and the wall stress. If the arterial pressure increases, the radius of the vessel
tends to increase causing an increase in wall stresses due to strain within the elastic
fibers. In pathological vessels, the elastic tissue is almost non-existent and therefore
an increase in pressure can rapidly induce damage within the tissues.

4.7.3 Critical Closing Pressure

In small vessels like arterioles the elastic tissue is minimum and the muscle tissue
predominates. Thus, the wall tension has to be created strongly active for this tis-
sue. If the arterial pressure increases, the radius increases, and if there is not enough
wall tension, there will be some instability that can lead to rupture of the vessel. If
the smooth muscle contracts and the wall tension increases progressively until val-
ues higher than the arterial pressure, the radius decreases. Following Laplace’s law,
lower wall tension would thus be needed to maintain the intravascular pressure, and
therefore the situation would be unstable, tending to close the vessel. The combi-
nation of passive elastic fibers and active muscles in most of the vessels allow to
maintain an equilibrium between wall tension and arterial pressure in a large range
of radius. The elastic tissue gives a gradual control from the muscular fibers without
which it might lead to some instability.

However, if instability occurs in arterioles, the vessel can close progressively at
any level of arterial pressure. If the active tension remains constant but the arterial
pressure decreases in a pathological manner below a limit called critical closing
pressure, the vessel tends to close.
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4.8 Joint Biomechanics

4.8.1 Description of Joint Biomechanics

There are three types of articulations depending on its function: synarthrosis,
amphiarthrosis, and diarthrosis joints. A synarthrosis joint is an immovable joint
that may be fibrous or cartilaginous depending on the nature of the connection, or
the two bones may fuse. They are found between the bones of the skull or in the
epophyseal plates for example. Amphiarthrosis joint is a slightly movable joint that
may be fibrous or cartilaginous depending on the nature of the connection between
the opposing bones. It is found, for example, between the tibia and fibula. A diarthro-
dial joint is a freely movable joint and is also called a synovial joint. Diarthrodial
joints are the most common and are all enclosed by a strong fibrous capsule lined
with the metabolically active synovium. These joints are typically found at the ends
of long bones, such as those of the upper and lower limbs. The load-supporting bony
ends of these joints are lined with a thin layer of articular cartilage. These linings
form the joint cavity, which contains the synovial fluid.

Under normal conditions, the bony surfaces at a synovial joint cannot contact one
another due to the pressure exerted in the synovial fluid. Microscopically, articular
surfaces are relatively rough compared to machined bearing surfaces (Ra of 1–6 μm,
whereas metal joint replacement are on the order of 0.025 μm). However, in arthritic
cartilage a large degree of surface irregularity is usually observed. These surface
irregularities have profound effects on the lubrication mechanism involved, and thus
greatly affect the friction and the rate of degradation of the articular cartilage.

4.8.2 Function of Joint Biomechanics

The articulation of joint biomechanics consists in the movement of two articu-
lar cartilages between a synovial fluid, giving a nearly frictionless bearing system
(Table 4.1). The synovial fluid has three primary functions: lubrication, nutrient dis-
tribution, and shock absorption. When part of an articular cartilage is compressed,
some of the synovial fluid is squeezed out of the cartilage and into the space between
the opposing surfaces. This thin layer of fluid markedly reduces friction between
moving surfaces. When the compression stops, synovial fluid is sucked back into the
articular cartilages. The synovial fluid circulates continuously to provide nutrients
and a waste-disposal route for the chondrocytes of the articular cartilages. Synovial
fluid also provides shock absorption when joints are compressed. When the pressure
across a joint suddenly increases, the synovial fluid lessens the shock by distributing
it evenly across the articular surface.

Synovial fluid is a highly viscous fluid that exhibits non-Newtonian fluid flow
properties, which include viscosity and viscoelastic effects that are shear rate depen-
dent. The viscosity of synovial fluid from normal knee joints decreases from 500 to
0.5 Pa as the shear rate increases from 0.001 to 1 s−1. The shear rate dependent
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Table 4.1 Friction coefficients of
typical engineering materials and
articular cartilage in synovial joints
(from Mow et al. 2000, Chapter 5)

Material combination Friction coefficient
Gold on gold 2.8
Aluminum on aluminum 1.9
Silver on silver 1.5
Steel on steel 0.6–0.8
Brass on steel 0.35
Glass on glass 0.9
Wood on wood 0.25–0.5
Nylon on nylon 0.2
Graphite on steel 0.1

Synovial joints Friction coefficient
Human knee 0.005–0.02
Porcine shoulder 0.020–0.35
Canine ankle 0.005–0.01
Human hip 0.010–0.04
Bovine shoulder 0.002–0.03

viscosity derives from the alignment of the long-chain hyaluronate molecules as the
synovial fluid is sheared.

4.8.3 Mechanical Stresses of Joints

Diarthrodial joints undergo heavy mechanical conditions due to the high loading
that needs to be sustained repetitively. For example the physiological joint force in
the human hip joint is around four times body weight with a minimum of 2 mil-
lion cycles per year. Nonetheless this joint functions well with little wear during
decades. This demands an efficient lubrication process to minimize friction and to
prevent wear of cartilage in the joint. However, over time wear can occur and these
large cyclical stresses and strains may cause fatigue failure within the bulk mate-
rial and may grow by an accumulation of microscopic damage within the material.
Interfacial wear occurs as a result of solid-solid contact at the surface of bearing
materials. Adhesive wear occurs when a junction is formed between the two oppos-
ing surface as they come into contact, leading to fragmentation of articular cartilage.
This can lead to the creation of a third body. This type of wear occurs frequently in
orthopedics, for example, when PMMA cement particles are trapped in the joint
space between an endoprosthesis and cartilage.

4.9 Conclusion

A description of most of the tissues within the human body has been given in this
chapter and the relation between composition, function and biomechanical response
was studied. It has become quite clear that natural tissues are complex material
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structures in constant changes and therefore are more difficult to study compared
to conventional engineering materials. However, it was seen that the mechanical
properties of soft and hard tissues can be similar to some synthetic materials and
thus the knowledge acquired on tissues is useful for the design of novel concept of
biomaterials that can mimic as much as possible the natural tissues.
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Chapter 5
Metal Corrosion

Miroslav Marek

5.1 Interaction of Metallic Biomaterials with
the Human Body Environment

Degradation of metals by interaction with the environment is called corrosion. In
most industrial corrosion situations the damage to the object is of main concern,
while the effect of the corrosion process on the environment is either negligible, or
of secondary importance. For devices inserted in the human body, on the other hand,
both the degradation of the device and the effect of the interaction on the physiolog-
ical system, local or systemic, are of equal importance. Corrosion degradation may
result in a loss of mass, mechanical integrity, functionality and, sometimes, esthetic
quality, while the release of corrosion products and the flow of the corrosion currents
may cause inflammation, allergic reactions, local necrosis and many other health
problems. Although the intensity of the interaction is an important parameter, an
equally important factor is the identity of the corrosion products and their toxicity,
carcinogenicity, allergenicity and other potentially hazardous properties.

The corrosion interaction of electronic conductors, such as metals, with ionically
conducting liquids, such as human fluids, is almost always an electrochemical pro-
cess, involving a change from the metallically bonded solid to dissolved ions or
ionically bonded products. There are also physical and chemical rather than elec-
trochemical interactions with components of body fluids and tissues, but they do
not fall into the generally accepted meaning of the term corrosion. The only notable
exception in the area of biomaterials may be the release of mercury from dental
amalgam fillings. Because of the high nobility of mercury but low bond strength,
mercury dissolves much more easily in the atomic, non-ionized form.

When a foreign object, such as a medical implant, is inserted in the tissues, it
causes irritation not only because of the chemical or electrochemical interactions,
but also by its mere presence. The irritation induces foreign body reactions and ten-
dency to remove the foreign body. The type of the physiological response depends
on the size and shape of the object as well as the reactivity of the material. While
particulates and fluids may be ingested by macrophages, larger objects are usu-
ally either extruded or walled-off (encapsulated). Encapsulation first involves accu-
mulation of epithelium cells, which may develop into a membrane and a fibrous
capsule.
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The presence of a membrane on metallic implants has an effect on the corrosion
interaction, which has not been fully examined. There is evidence that the thickness
of the membrane increases with increasing reactivity of the material, the reactivity
being a combination of the intensity of the corrosion reactions and the toxicity of
the released elements. On the other hand, the membrane slows down the transport
of the corrosion products into surrounding tissues or fluids, and also affects the
chemistry of the environment at the metal surface and thus the corrosion process
itself.

While the released metal ions in a sufficiently high concentration may be toxic
enough to cause inflammation and necrosis of the cells and tissues, and accumula-
tion of metal ions in various organs may be a health hazard, another common prob-
lem are allergic reactions, which require only a small amount of the released ions
for a response of the immune system in susceptible individuals. Although allergic
reactions are often described as dose-independent, this term is inherently inaccurate,
because one could always identify a quantity that would not provoke the reaction.
However, the threshold dose is difficult to determine. One of the allergens among
components of implant alloys, known for a high percentage of susceptible individu-
als, is nickel, which is contained in such common alloys as stainless steel and Ni-Ti
(“Nitinol”) alloys.

For the most common materials for implants and dental restorations and appli-
ances the most important environmental variables from the corrosion viewpoint are
the concentrations of chloride and hydrogen ions and dissolved oxygen. The chlo-
ride ion concentration varies in a relatively narrow range close to 0.1 mol/L for most
body fluids, such as blood plasma, interstitial fluid, bile and gastric juice, but is quite
variable in urine (depending on the salt intake) and considerably lower in saliva.
The hydrogen ion concentration (usually expressed as pH value) is close to neu-
tral (pH 7) for plasma, interstitial fluid, bile and saliva, but more variable in urine
(pH 4–8) and very low (acidic) in gastric juice (pH 1–3).1 The dissolved oxygen
concentration varies, but for most common implant conditions the partial pressure
of oxygen is about 40 mmHg (interstitial fluid, venous blood) or 100 mmHg (arte-
rial blood). More detailed data on body fluid compositions can be found in various
sources, such as Burke [2] and Lentner [3, 4].

5.2 Electrochemical Reactions on Metallic Biomaterials

Spontaneous electrochemical corrosion of metals is a process that lowers the free
energy of the system. With the exception of a few very noble metals, most ele-
ments in the metallic condition and in natural environments are in a metastable state,
and their energy can be lowered by conversion to an ionic form, thus reversing the

1The pH value is defined as a function of the activity of hydrogen ions [H+], pH = –log [H+].
Solution with pH<7 have a higher concentration of H+ than when neutral (pH 7) and are acidic;
those with pH>7 have the H+ concentration lower than in neutral water and are alkaline.
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process of producing the metal from the ore. During this conversion some of the
metal atoms, which in the metallic state share their free electrons with all the other
atoms in the given solid, are released from the solid, leave the free electrons in the
solid and become positive ions, or cations. Since this would make the solid nega-
tively charged and electrostatic attraction would make further release of positively
charged cations difficult, continuation of the process requires another reaction that
consumes the superfluous electrons. In the electrochemical terminology the process
of creating positive ions is called oxidation, and that of consumption of electrons is
called reduction.

The above conversion can be achieved by a chemical reaction of a metal with a
nonconductive environment, such as a reactive gas, for instance oxygen, a process
called “dry oxidation.” Even this outwardly chemical reaction involves transfer of
electrons, i.e., in principle, electrochemical reactions. In a conductive environment,
however, true electrochemical corrosion occurs, which involves a flow of electricity
through the environment between the sites of oxidation and reduction. The elec-
tronically conducting solid metal is called an electrode, and an ionically conductive
liquid environment is an electrolyte. In the conductive human body fluids electro-
chemical corrosion is the dominant form of interaction with metals.

The electrochemical degradation of metals caused by dissolution or formation of
nonmetallic corrosion products is directly caused by the oxidation part of the pro-
cess, while reduction plays an enabling role. The formation of cations by stripping
the metal atom of some of its electrons does not by itself lowers the energy; as a
matter of fact, some energy must be supplied, resulting in a positive energy change,
and an “energy barrier”. The energy drop, which allows the process to proceed
spontaneously, is due to the interaction of the cations with molecules, called “lig-
ands.” In aqueous environments, such as body fluids, water molecules almost exclu-
sively serve the role of ligands. In the conventional writing of an oxidation reaction,
such as

Ni → Ni++ + 2e− (5.1)

and in any associated calculation of energies, if (5.1) describes a reaction in an
aqueous environment, it is assumed that the nickel cation, Ni++, is in this “hydrated”
form, i.e., surrounded by attached water molecules. If the reaction proceeds in the
opposite direction, i.e., as reduction, the ligands must first be stripped from the
cation before the ion can become a neutral atom. For both oxidation and reduction
the species involved must overcome an energy barrier called “activation energy”
associated with the “activated state” in between the conditions as neutral atoms and
hydrated ions.

It is of fundamental interest to know how strong is the tendency of different met-
als to form these hydrated cations, i.e., to dissolve in water. It is possible to express
this tendency by showing the energy change involved in the reaction. However, since
the charge of the ions also plays a role, because more highly charged positive ions
are more strongly attracted to the negatively charged metal they have left, a more
convenient way is to introduce a concept of electrode potential difference ΔΦ at
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equilibrium, which is proportional to the energy change ΔG and inversely propor-
tional to the ionic charge z,

ΔΦ = −ΔG/zF (5.2)

where F is a constant, called Faraday,2 which serves as a conversion between the
energy units for ΔG [J/mol] and electric units for the potential [V]. The physical
meaning of ΔΦ is that at equilibrium it is such a difference between the potential
of the hydrated metal ions in the electrolyte just outside the metal surface and the
potential of the same ions within the metal surface that the electric work of moving
the ions of charge z across this potential difference balances the energy change ΔG
involved in the reaction. The negative sign in reaction (5.2) is due to the fact that the
potential difference and the energy change are measured in opposite directions.

Since (5.2) is applicable to reactions written in either direction (oxidation or
reduction), and since most available data for energies of reactions are relative to the
energy involved in the reaction of hydrogen, an international convention has been
accepted for expressing the fundamental dissolution tendency of elements using
(5.2). According to this convention the reactions are considered at equilibrium (i.e.,
proceeding at the same rate in both directions), are written as reduction, rather than
oxidation, and the values of the energy change ΔG are relative to the energy change
in the reaction

2H+ + 2e− = H2 (5.3)

The potential difference with respect to the potential of a standard reference reac-
tion (5.3) is then called “the single electrode potential” for the given reaction, and
a simple symbol, such as e, is used for this parameter. The true meaning of e is
thus a tendency for a reaction to proceed spontaneously in the direction of reduction
relative to the tendency of hydrogen ions to be reduced in reaction (5.3).

The ΔG values and thus also the values of e generally vary with temperature,
pressure, and activity of the ions. When all the reactants and products are in the stan-
dard state3 (ΔGo) the potential (eo) is called “the standard single electrode poten-
tial.” A listing of such standard reduction potentials is called an electromotive or
electrochemical series. Because of the way e is defined, the higher the tendency
for dissolution, the more negative is the single electrode potential, while noble ele-
ments, such as gold, have a positive value of eo. Selected standard single electrode
potentials for some elements common in implant and dental alloys are shown in
Table 5.1. The potentials are listed on a standard hydrogen scale (SHE), i.e., with

2F = 96,485 C/mole
3For electrochemical reactions the standard state is defined by temperature 25 ◦C (298.16 K),
pressure 101325 Pa (1 atm, 760 torr), and activity of ions equal to one.
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Table 5.1 Standard single
electrode potentials for
reduction reactions of
hydrated ions of selected
metals

Metal Reaction eo (V, SHE)

Gold Au3+ + 3e−= Au 1.498
Platinum Pt2+ + 2e− = Pt 1.188
Palladium Pd2+ + 2e− = Pd 0.987
Silver Ag+ + e− = Ag 0.799
Mercury Hg2

2+ + 2e− = 2Hg 0.788
Copper Cu2+ + 2e− = Cu 0.337
Tin Sn2+ + 2e− = Sn −0.136
Molybdenum Mo3+ + 3e− = Mo −0.200
Nickel Ni2+ + 2e− = Ni −0.250
Cobalt Co2+ + 2e− = Co −0.277
Iron Fe2+ + 2e− = Fe −0.440
Chromium Cr3+ + 3e− = Cr −0.744
Zirconium Zr4+ + 4e− = Zr −1.539
Titanium Ti2+ + 2e− = Ti −1.630

Based on data in Pourbaix, 1974

respect to the standard potential of the reference reaction (5.3), which is considered
zero.4

It is important to keep in mind that standard single electrode potentials of
elements show only the fundamental thermodynamic tendency to form hydrated
cations and thus to dissolve in water under standard conditions, and not necessarily
the susceptibility to electrochemical corrosion. In many cases the corrosion suscep-
tibility is more a function of the rate of the reactions, i.e., the kinetics, than of the
thermodynamic “driving force.” On the other hand, since thermodynamics predict
what cannot happen more decisively than what will happen, a lack of thermody-
namic tendency for dissolution is a safe indication than the metal will not corrode.
The choice of noble metals, such as gold and platinum in dentistry and in some
special cases of implants is based on this consideration.

An important factor that must be considered in evaluation of the thermodynamic
tendency (driving force) for a reaction is the difference between the actual and stan-
dard conditions. The effect of the temperature, pressure and activities on the single
electrode potential of a reaction is given by the Nernst equation (5.4). For an elec-
trochemical reaction at equilibrium aA + bB + z e– = cC + dD, where [A] and [B]

4A standard hydrogen electrode (SHE) can be constructed using a platinized platinum electrode
immersed in an acid of unit activity of H+ ions (pH 0), saturated with hydrogen gas at 1 atm pressure
and maintained at 25 ◦C. More commonly other, more convenient secondary standard reference
electrodes are used in experimental work, such as mercury/mercury chloride (calomel electrode),
silver/silver chloride and copper/copper sulfate couples in appropriate electrolytes, which have
accurately known and stable potential differences from SHE. In any reporting of potential values
the potential scale used must be specified.
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are activities5 of the oxidized reactants A and B, [C] and [D] are activities of the
reduced products C and D, and a, b, c and d are the numbers of the molecules in the
reaction

e = e0 + RT

zF
ln

[A]a · [B]b

[C]c · [D]d
(5.4)

where R is the universal gas constant, T is temperature (K), and z is the number of
electrons.

In the human body the pressure and temperature are not substantially different
from those defining the standard state; the chemical species, especially the metallic
ions dissolved in the liquids, however, usually are in concentrations (and activities)
much lower than one. For a simple reaction showing equilibrium between a metal
and its hydrated ions with a charge z, and for human body temperature (37 ◦C), the
Nernst equation simplifies to

e = eo + (0.061/z) log[Mez+] (5.5)

where the activity of metal ions [Mez+], for diluted solutions is approximately equal
to the concentration of the dissolved metal ions at the electrode.

Since the value of e is a measure of the thermodynamic tendency for dissolution
in water, the importance of the metal ion concentration for dissolution of metals in
the human body now can be appreciated. For example, although the standard single
electrode potential for iron (eFe = –0.44 V, SHE), is considerably lower than for
cobalt (eCo = –0.277 V, SHE), making cobalt significantly more noble than iron,
the difference is much smaller at the mean concentrations of the elements in blood
plasma, where the concentration of iron normally is much higher than that of cobalt
[4]. Also, although noble metals, such as gold, do not have any tendency to dissolve
under standard conditions (and are found in nature in the metallic state), as the
concentration of their ions approaches zero, even their single electrode potentials,
according to (5.4), approach very high negative values, indicating an extremely high
driving force for dissolution. The practical significance of this result is that there is
no “zero dissolution,” even for the most noble metals. On the other hand, for very
noble metals, such as Au and Pt, the tendency for dissolution quickly drops to zero
at extremely low concentrations at the practical potentials that get established in the
human body environment.

Another factor that may substantially affect the tendency for dissolution is the
propensity of metal ions to form complexes with components of the environment.
In the complicated human body fluids there are many substances, inorganic and
organic, that may form complexes with ions of metallic biomaterials. When a

5Activity of ions a is proportional to the concentration c [mol/L], a = γ.c, where γ is the “activity
coefficient.” For dilute solutions γ is close to one and activity may be replaced by concentration.
For concentrated solutions, however, the difference between concentration and activity must be
considered. For gaseous species partial pressure is used in place of activity in (5.4).
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complex has a lower energy than a simple hydrated cation, ΔG in (5.2) is higher
(for reduction), and the potential e becomes lower, indicating a higher tendency for
dissolution than in pure water.

It is important to keep in mind that a single reaction at equilibrium, i.e., when the
actual potential of the electrode E is equal to e of the reaction, does not produce any
significant corrosion damage, because the oxidation part of the reaction is balanced
by the reduction process of the same reaction, both occurring at the same rate. Even
at equilibrium some of the ions entering the liquid may drift away and possibly
cause allergic reaction, but the rate of such a release normally is too low to cause a
noticeable loss of mass.

True corrosion occurs when the oxidation part of a reaction between metal and
its ions significantly exceeds the rate of the same reaction going in the opposite
direction, i.e., reduction. For oxidation or reduction to exceed the rate of the other
process the actual electrode potential E must deviate from the equilibrium potential
e. In spontaneous electrochemical corrosion of a single electrode this deviation is
due to some other reaction occurring simultaneously. For a reaction to proceed in the
oxidation direction, as shown in (5.1), another, different reaction must be available
to consume the electrons liberated in the oxidation process and thus proceed in the
direction of reduction. In the body fluids and many other aqueous electrolytes the
two dominant reactions that may serve this role are the reduction of hydrogen ions,
shown in (5.2), and reduction of dissolved oxygen:6

O2 + 4H+ + 4e− = 2H2O (5.6)

Both reactions involve as reactants only species always present in body fluids,
hydrogen ions formed by dissociation of water molecules and dissolved oxygen, and
thus are, in principle, capable of serving as reduction reactions for electrochemical
corrosion.

When the equilibrium potentials of two or more possible reactions on the elec-
tronically conducting surface are different, this potential difference causes a flow
of electric current I. This current may be the sum of many small current flowing
between atomically close sites of the reactions, or a current between quite dis-
tant areas of the electrode surface, depending on the conditions, as discussed later.
Within the metal electrode electrons carry the current, and the circuit is completed
by ionic conduction in the electrolyte. The electric current per unit area (current
density i) associated with an electrochemical reaction can be taken as a measure of
the rate of that reaction, because it is proportional to the amount of the substances
reacted or produced. Faraday’s law gives the conversion between the mass of the
substance involved and the amount of electricity:

m = Q A

zF
= I t A

zF
(5.7)

6Standard potential eo = 1.228 V (SHE) [5].
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where Q is the electric charge [C], A is atomic weight [mol–1], z is the oxida-
tion state change, F is the Faraday′s constant, I is the electric current [A], and t is
time [s].

The flow of the current causes each reaction to be “polarized,” i.e., its potential
changes from the equilibrium value. When an electrochemical reaction is polarized
the rates of oxidation and reduction are not the same. Polarization in the positive
direction of the potential causes the oxidation rate to exceed the reduction rate,
because to achieve a positive potential change some electrons must be removed,
lowering the force of attraction and thus making the loss of positive cations easier.
A potential change in the negative direction results in the rate of reduction exceeding
the rate of oxidation. (More accurately, the potential change increases or decreases
the activation energy barrier for the transfer of charges between the metal and the
electrolyte.)

For only two corrosion reactions on an electrode, the potential of each reaction
shifts toward the potential of the other one. If there is no electric resistance in the cur-
rent circuit the two potentials become identical and the sites are completely “short-
circuited.” This condition is closely approximated when the oxidation and reduction
sites are atomically close. For oxidation and reduction sites macroscopically distant
the resistance, usually in the electrolyte, may be sufficient to result in a substantial
potential difference between the two reactions.

Regardless of whether the potentials of the two or more reactions are almost
identical or different, they are always established in such a way that the total oxida-
tion current is equal to the total reduction current to keep electric neutrality. For two
simultaneous reactions the reaction with the lower (less positive or more negative)
equilibrium potential is polarized in the positive direction until the net oxidation cur-
rent equals the net reduction current of the other reaction, which is polarized from a
more positive (higher) potential in the negative direction. When the resistance in the
current path is low and the two or more potentials are virtually equal, the common
potential is called “mixed potential.”

A very characteristic feature of the kinetics of electrochemical reactions is that
the relationship between a potential change and the current flow is nonlinear. Fun-
damentally, for a simple electrochemical reaction involving an activation energy
barrier the oxidation current exponentially increases and the reduction current expo-
nentially decreases with a positive potential change. In the field of electrochemical
corrosion it is traditional to switch the variables and express the potential change
ΔE as a function of the current densities in the form of the “Tafel equation,”

ΔE = E2 − E1 = β log i2/ i1 (5.8)

where β is a Tafel constant. The Tafel constant β is positive for oxidation and nega-
tive for reduction. The units of a Tafel constant are volts (or mV) per 10-fold current
density change (decade), and usual values range from about 30 to 200 mV/decade. In
other words, for an electrochemical reaction controlled by the energy barrier (acti-
vation energy), the rate of the reaction increases or decreases by a factor of ten for
each 30 to 200 mV of potential change.
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When an electrochemical reaction is at equilibrium, the rates of oxidation and
reduction currents are equal, and the value per unit area is called exchange current
density io. A deviation of the potential from the equilibrium value e (single electrode
potential) is called overpotential η = E – e. The Tafel equation as applied to the
deviation from equilibrium then can be written as follows:

η = e − eo = β log i/ io (5.9)

The Tafel relationship can be conveniently shown in a semi-logarithmic plot
called a polarization diagram, where current density is plotted on a logarithmic
scale, and potential on a linear scale, as shown in Fig. 5.1. The variations of cur-
rent densities for oxidation and reduction with the potential in such a diagram are
straight lines, intersecting at e and io, where the reaction is at equilibrium and the
absolute values of the current densities for oxidation and reduction are equal. The
slopes of the lines are equal to the values of the Tafel constants, βa for oxidation and
βc for reduction. The value of the exchange current density io depends on both the
reaction and the material of the electrode and varies widely for different reactions
and materials from about 10–14 A/cm2 to about 10–2 A/cm2.

For a corrosion process with different reactions providing the main oxidation and
reduction currents, the balance of the oxidation and reduction currents at the mixed
potential can be shown in a polarization diagram similar to the one for a single
reaction. The lines intersecting at the mixed potential are those for total oxidation
and total reduction currents, which are obtained by summing the currents of all
the oxidation reaction and the currents of all the reduction reactions for all electri-
cally connected electrodes surfaces exposed to the electrolyte. Because of the rapid
exponential decrease of the reduction current with increasing (more positive or less
negative) potential and similar decrease of the oxidation current with decreasing
(less positive or more negative) potential, in many cases some of the currents are
negligible at certain potentials and can be ignored. Figure 5.2 presents a polariza-

Fig. 5.1 Polarization diagram
for an electrochemical
reaction under activation
energy control, showing the
equilibrium potential e,
exchange current density io,
and Tafel slopes βa and βc



164 M. Marek

Fig. 5.2 Evans diagram for
metal corrosion showing
polarization curves for metal
oxidation under activation
energy control (anodic line)
and reduction of some
electrolyte species under
activation and diffusion
control (cathodic line)

tion diagram, called Evans diagram, for corrosion of a metal where only oxidation
of the metal (reaction with ea and ioa) and reduction of one species in the electrolyte,
such as hydrogen ions or dissolved oxygen (reaction with ec and ioc), play signifi-
cant roles. The mixed potential, at which the oxidation and reduction currents are
equal is called the corrosion potential Ecorr, and the oxidation current density at this
potential is the corrosion current density icorr; the corrosion rate is proportional to
icorr according to Faraday’s law (5.7).

The use of the corrosion current density i instead of current I in Fig.5.2 suggests
that both oxidation and reduction take place uniformly on the same electrode sur-
face. Such a condition would occur exactly only for ideally pure metals and perfect
surface conditions in an ideally homogeneous electrolyte. In such a case, although
oxidation and reduction take place on atomically different sites at any instant, both
reactions are distributed uniformly on a microscopic and macroscopic scale. In
more common practical situations the surface chemistry and conditions are more
favorable for one or the other reaction on microscopically or macroscopically dis-
tinct areas, and the current density values in the Evans diagram are averages over
the whole surface area of the electrode. For technically pure metals, for example,
impurities may be preferential sites for reduction, and oxidation may occur at a
higher rate on some surface irregularities. Even for heterogeneous alloys consisting
of chemically different phases it is common to plot average current density values
because the total current can be directly measured, while individual current compo-
nents for different phases would be difficult to determine. It is important to keep in
mind, however, that actual current density may be considerable higher than average
on very active but small areas of the surface.

When oxidation dominates on one of two dissimilar areas of the metal surface (or
two dissimilar electrodes are electrically connected), while reduction dominates on
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the other, the former is called the anode, while the latter is the cathode.7 In this case
the electric current flows between two identifiable macroscopic surfaces, as opposed
to many local currents flowing between many small sites on the surface, which may
have only atomic dimensions. Because of the use of the terms anode and cathode
for different electrodes, it is also common to use the terms anodic sites (where oxi-
dation occurs) and cathodic sites (where reduction occurs), to call reactions pro-
ceeding in the direction of oxidation “anodic reactions,” and those proceeding in
the direction of reduction “cathodic reactions,” and to use terms “anodic Tafel con-
stant” and “cathodic Tafel constant” for the constants for oxidation and reduction,
respectively.8

The straight, “Tafel” polarization lines shown in Fig. 5.2 represent the current-
potential relationships controlled by the activation energy barriers. A metal or alloy
corroding under the conditions of this control is said to be under “active cor-
rosion condition,” in “active state” or “actively corroding.” Since the oxidation
process generates metal ions, which have to be transported away from the elec-
trode for the process to continue, and reduction requires a supply of species trans-
ported to the electrode, either process can become controlled by transport of the
respective species in the electrolyte rather than by activation energy as the reac-
tion rate increases. This condition occurs more likely for slower moving cathodic
species, such as dissolved oxygen than, for instance, hydrogen ions or hydrated
metal ions. Diffusion is usually the most important transport mechanism for dis-
solved species at the electrode surface, and oxygen diffusion control of corrosion
of metals with substantial thermodynamic dissolution tendency is quite common in
aqueous environments containing dissolved air. When the cathodic reaction is com-
pletely diffusion-limited, corrosion is under full cathodic control, the corrosion rate
becomes potential-independent and equal to the diffusional flow, and the maximum
rate can be expressed as a limiting current density iL. The effect of mass transport on

7Formally, the anode is defined as the electrode, at which the direction of the current is from the
electrode into the electrolyte, while for the cathode the direction is from the electrolyte into the
metal. Since the positive charges move from the metal into the electrolyte during oxidation while
electrons flow through the metal to the cathode where they are consumed by the reduction reaction,
this definition is in accord with the convention of current flowing in the direction opposite to the
flow of electrons.
8The use of the terms “anodic” and “cathodic” can be confusing. Since polarization in the positive
direction of the potential increases the rate of oxidation, this direction of the potential change is
called “anodic direction,” and “cathodic direction” is the potential change toward less positive
or more negative values. Consequently, scanning the potential in the positive direction is “anodic
polarization,” and scanning in the negative direction is “cathodic polarization.” On the other hand,
when two electrodes have different potentials, the one with the more positive potential is “cathodic”
or “more noble” with respect to the one with the less positive or more negative potential, and the
other one is “anodic” or “less noble” or “more active.” It is also important to keep in mind that the
terms “higher potential” and “lower potential” always mean more positive (or less negative) and
more negative (or less positive) values, respectively.
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the cathodic reaction is shown by the dotted line in Fig. 5.2. The illustrated condition
shows corrosion under full cathodic diffusion control at Ecorr’ and icorr’ = iL.

Figure 5.2 illustrates the types of interaction of oxidation and reduction processes
common in corrosion of base metals that are in the state of activity, i.e., when prod-
ucts of oxidation are soluble or not protective. For biomaterials in the human body
this condition is uncommon, because it usually results in a relatively high corrosion
rate, which is unacceptable for this type of application. The diagram in Fig. 5.2 is
important, however, as an illustration of the fundamental principles of electrochem-
ical interaction, allowing prediction of the effects of some variables. It shows, for
instance, that an increase in the oxidation rate, perhaps as a result of a change in the
surface condition of the metal while the cathodic kinetics remains the same, causes
a shift of the oxidation line in the diagram to the right, and thus an increase in icorr

and a shift of the corrosion potential toward a lower value.9 An increase in the rate
of reduction under activation energy control (a shift of the cathodic line to the right)
also increases icorr but shifts Ecorr to a higher value. Under full cathodic diffusion
control an increase in iL (perhaps due to an increase in the flow rate of the elec-
trolyte) is associated with an increase in both icorr and Ecorr, while a change in the
oxidation kinetics under cathodic diffusion control changes Ecorr but icorr remains
constant at iL. Thus an observed change in the corrosion potential may or may not
indicate of a change in the rate of corrosion, and a correct interpretation requires
some knowledge of the type of kinetics involved.

The successful use of base metals, such as chromium, cobalt, nickel, titanium,
niobium and zirconium in the human body is due to the phenomenon of passivity. In
spite of some conflicting theories of the passivation process, there is little doubt that
in a passive state the above metals in an aqueous electrolyte are covered with a thin
and very protective film of a stable, poorly soluble oxide or hydroxide. The stability
of oxides and hydroxides is typically a function of the pH. In water the oxides form
electrochemically and their existence is thus also potential dependent. A convenient
illustration of a region of stability of an oxide as well as of other potential or pH
dependent species is a potential-pH (E-pH) diagram, commonly called a Pourbaix
diagram.10 Figure 5.3 shows a simplified E-pH diagram for titanium, one of the
metals of special significance for medical implants. A collection of E-pH diagrams
for most metal/water systems can be found in an atlas [5].

Pourbaix diagrams are constructed based on the thermodynamic data for vari-
ous chemical and electrochemical reactions possible in the given metal-electrolyte
system. They can be interpreted as showing regions of thermodynamic stability of
various species. If the stable specie is a non-ionized metal, the region is one of
immunity, because under those pH and potential conditions the metal is thermody-
namically stable and thus cannot corrode. Regions of stability of soluble species

9It is assumed that such a change would result in an increase in the effective exchange current
density, while the anodic Tafel constant remained the same.
10Prof. Marcel Pourbaix of Belgium devoted his life to the construction and application of
potential-pH diagrams.
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Fig. 5.3 Potential-pH
(Pourbaix) diagram for the
system titanium/water at
37 ◦C. Based on data in [5]

generally are regions of corrosion, because there is a thermodynamic tendency for
dissolution. In the regions of stability of an oxide (or hydroxide) passivity is possi-
ble, assuming that the oxide is poorly soluble and non-porous and thus protective.

Although a Pourbaix diagram thus provides a “map” of regions of immunity,
corrosion and passivity at various pH and potential conditions, it must be kept in
mind that for a specific corrosion condition the pH of the electrolyte is probably
more or less constant, and the above regions are reduced to ranges of potential values
along a vertical line in the diagram. The actual corrosion condition is then the result
of a combination of thermodynamic and kinetic factors that determine the actual
corrosion potential, the diagram showing only the former and not the latter factors.

Traditionally, each Pourbaix diagram for metal-water systems also includes two
lines, marked (a) and (b) and representing the equilibria for reactions (5.3) and (5.5),
respectively. Both reactions are pH-dependent with the same slopes in the diagram,
e = eo – 0.061 pH at 37 ◦C. These two reactions, proceeding in the direction of
reduction, are the two most important cathodic reactions for corrosion in aqueous
electrolytes, such as body fluids. Since the corrosion potential must establish itself
below the equilibrium potential of the cathodic reaction (so that the reaction pro-
ceeds in the direction of reduction), the lines (a) and (b) show the theoretical max-
ima for the corrosion potentials in oxygen-free water (line a) and oxygen-saturated
water (line b).

When a metal without a surface oxide is exposed to water not containing its
ions there is a very high tendency for oxidation, and the potential rapidly increases
from the very low value toward the potential of the available reaction providing
reduction. If the mixed potential of the balance of oxidation and reduction stabilizes
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Fig. 5.4 Evans diagram for
metal corrosion showing
polarization curves for a
passivating metal and
activation energy controlled
reduction of electrolyte
species (lines c1, c2 and c3)

in the field of dissolution in the Pourbaix diagram, active corrosion occurs. If the
potential reaches the field of a stable, protective oxide, the metal becomes passive.

The variations of the corrosion current density with potential again can be
depicted in a polarization or Evans diagram. If the potential change along a vertical
line in the E-pH diagram for the given pH value passes through the field of dissolu-
tion before reaching the field of passivity, the diagram shows a classical “textbook
type” anodic polarization curve for passivation, illustrated in Fig. 5.4. The anodic
line, in principle starting from the equilibrium conditions, shows a segment of Tafel
behavior through the field of dissolution (active region) where the current density for
oxidation increases exponentially with the potential. It then reaches a peak current
density called critical current density for passivation (icrp) at the boundary between
the regions of dissolution and stability of the oxide at the primary passivation poten-
tial Epp, and drops rapidly to the current density in the passive state (ip). The current
density remains more or less constant in the region of passivity. This type of polar-
ization behavior is experimentally observed, for instance, for iron in acidic solutions,
and theoretically should also be observed for titanium (see Fig. 5.3).

Alternatively, and more commonly for metallic biomaterials with a high passiva-
tion tendency, as the potential increases the metal passivates without any significant
active dissolution, the potential-pH conditions moving from the region of immunity
to passivity. The result is an experimental anodic polarization curve lacking the typ-
ical “passivation” peak, but showing the potential-independent region of passivity
with a low value of ip. Moreover, since passivating metals have a high tendency
for oxidation they react easily with atmospheric oxygen, so that the surface usually
becomes covered with an oxide film even before immersion in the electrolyte. This
film may dissolve if the kinetics of the anodic and cathodic reactions maintain the
E-pH condition in the region of dissolution. If, however, after immersion the poten-
tial quickly passes through the active region to passivity, the characteristics of the
film may change but active corrosion does not necessarily occur.
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Similarly to the behavior of an actively corroding electrode illustrated in Fig. 5.2,
the corrosion potential for a passivating metal establishes itself at a value resulting
in the equality of oxidation and reduction currents. This is shown in Fig. 5.4 as
the intersection of the cathodic polarization line with the anodic line. When a true
passivation peak exists, the reduction current must exceed the oxidation current at
the primary passivation potential Epp for spontaneous passivation to take place. For
a theoretically uniform distribution of the current this means ired > icrp at Epp for the
electrode to exist in a state of stable passivity (line c1 in Fig. 5.4). If ired < icrp at
Epp (the cathodic polarization line intersects the anodic line in both the dissolution
segment and the region of passivation, line c2 in Fig. 5.4), the electrode is in a state
of unstable passivity and may be either active or passive, or even switch from one
state to the other.11

In the region of passivity the current density is very low (typically less than
1 μA/cm2 for implant alloys in actual or substitute body fluids) and often approx-
imately potential-independent. Since the driving force for the oxidation reaction
increases with increasing potential, the potential independence of ip indicates that
the passive film becomes more protective with increasing potential, mostly by
increasing thickness. However, there are many cases where ip varies with the poten-
tial in the passive region, either increasing or decreasing. Still, this potential depen-
dence is always much weaker than the exponential variation for Tafel behavior in
the active state. The oxide films, especially on solid solutions or other multicompo-
nent phases can be quite complex in structure and chemistry, and the changes in the
properties also may be potential-dependent.

The existence of measurable anodic current density in the passive state even
under steady state conditions at a constant corrosion potential indicates that oxi-
dation continues. The rate of oxidation equals the rate of chemical dissolution of
the oxide, thus keeping the oxide thickness constant. Therefore, implants in passive
condition continue to release metal ions, albeit at a low rate. Because of the vari-
ation of the solubility of the oxide with the pH of the solution, ip shows a similar
dependence.12

For some polyvalent metals (e.g., Cr), soluble species (CrO4
2–) become ther-

modynamically stable as the valence changes at potentials above those for a stable
oxide, (from three to six for Cr). This change results in another region of active
dissolution, a phenomenon called transpassivity.13

11In this case the cathodic line also intersects the anodic line in the segment of a current density
drop from icrp to ip. Since this is a region of “negative resistance” (positive current decreasing with
positive potential increase), this condition cannot be sustained.
12Most oxides providing passivity for metallic biomaterials exhibit increasing solubility with
increasing acidity (decreasing pH) below neutral conditions, and some also under alkaline condi-
tions. While alkaline conditions are physiologically of little importance, the increase in solubility
with increasing acidity plays a major role in localized forms of corrosion.
13Lately, the term “transpassivity” frequently has been applied to any increase in activity for passi-
vating metals at potentials above the passive region, such as when localized breakdown of passivity
occurs, resulting in pitting.
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5.3 Forms of Corrosion of Metallic Biomaterials

The principles of electrochemical corrosion discussed in Sect. 5.2 apply universally
in all cases of corrosion of metallic biomaterials. In the individual forms of corro-
sion, however, specific conditions may make the corrosion process much more com-
plex, for instance because of the interaction of areas of dissimilar electrochemical
properties, localized variations in the solution chemistry, interaction with mechani-
cal effects, etc. Following are the main forms of electrochemical corrosion relevant
to biomaterials. In practical situations, several forms may occur at the same site,
e.g., pitting combined with galvanic corrosion, crevice corrosion with wear corro-
sion, etc.

5.3.1 Uniform Dissolution

The corrosion process is most easily analyzed when the oxidation and reduction
reactions take place uniformly on a homogeneous metal surface. Completely uni-
form corrosion, however, is an ideal condition that does not occur in practice. Ide-
ally, oxidation and reduction would occur randomly on surface atoms that were
identical in electrochemical properties so that the oxidation and reduction sites were
interchangeable and allowed instantaneous and continuous redistribution. In reality,
defects of the crystal structure (vacancies and interstitials, dislocations, impurities)
and segregation of elements result in an inhomogeneous distribution of electrochem-
ical activity on the surface even for very pure metals and solid solutions. In many
cases, impurities precipitating as second phases play an important role as preferen-
tial sites for reduction, oxidation or both. The conditions are even more complex
for multiphase alloys, where some phases may be clearly anodic and other cathodic.
In many cases averaging of the corrosion parameters over the nominal surface pro-
vides a reasonable picture of the electrochemical behavior at the corrosion potential
or under polarization and yields useful values of corrosion parameters. However,
surfaces of previously smooth metals usually show distinct roughness after active
state corrosion. Uniform corrosion of single phase materials in passive state usually
preserves smoothness of the surface, both because of the low corrosion rates and
because the surface reaction is chemical dissolution of a relatively uniform film.

An aspect of uniform corrosion that usually receives little attention is selectiv-
ity of dissolution in alloys.14 Electrochemically more active components of a solid
solution have a tendency to dissolve preferentially, resulting in their depletion in
the surface layer and enrichment in more stable elements. The commonly observed
increase in the corrosion potential with time is usually attributed to the growth of an

14Selective leaching as a specific form of corrosion, often called by a generic term “dezincifica-
tion” (leaching of zinc from brass) is a sometimes serious form of industrial corrosion, resulting in
loss of mass and a porous layer on the surface of alloys containing elements of very different elec-
trochemically activity. Such a severe degradation is normally not observed in much more corrosion
resistant biomedical alloys.
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oxide film or formation of other corrosion products, but selective dissolution also
may contribute to the effect.

From the practical viewpoint the most important corrosion parameter in uniform
corrosion is the (nominally uniform) corrosion rate. For biomaterials the corrosion
rate must be very low, and is usually determined by sensitive electrochemical tech-
niques as corrosion current density. Physiologically, on the other hand, the more
important value is the release rate of specific elements in view of the diversity
in toxicity and generally dissimilar human body tolerance for different elements.
Although the corrosion current density can, in principle, be converted to the mass
loss using Faraday’s law (5.7), with the exception of pure metals the determination is
considerably less straightforward because the elements do not necessarily dissolve
at relative rates equal to the atomic ratios in the alloy.

There are several methods of determination of the average corrosion current den-
sity, most of them based on calculation from the value of the polarization resistance
Rp. The polarization resistance is defined as the slope of the polarization curve at
zero current density, Rp = (dE/din)in = 0, where in is the net current density, which
is the difference between the anodic (oxidation) and cathodic (reduction) current
densities.15 The corrosion current density is then calculated using (5.10):

icorr = βa · βc

2.3Rp(βa + βc)
(5.10)

5.3.2 Galvanic Corrosion

In galvanic corrosion the degradation is enhanced by a combination of two or more
dissimilar metals that touch each other or are otherwise in electronic contact. “Gal-
vanic interaction” also occurs between dissimilar phases in multiphase materials,
but the term “galvanic corrosion” usually is used for structures consisting of two or
more components made of different materials, such as ball and stem of a total hip
implant.

Galvanic corrosion occurs when the corrosion potentials (Ecorr) of the individ-
ual materials (electrodes), when not connected with each other, are different. When
an electric connection is established the potential difference causes a current to
flow, and the current polarizes the individual electrodes toward a common “galvanic
potential” (Eg). Electrodes with the lower individual potential (Ecorr<Eg) are polar-
ized in the positive direction (anodically), their oxidation rates exceed the reduction
rates (they become anodes) and they are likely to corrode more than in the absence
of the galvanic contact. Those with the higher individual potential (Ecorr>Eg) are

15The measured net current In = Ioxidation – Ireduction assuming both oxidation and reduction currents
to be positive values. It is more common to take the reduction current as negative, in which case
the net current is the sum of oxidation and reduction currents.
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polarized in the negative direction, become cathodes, and may to some extent be
protected.

The electrodes of the galvanic system would reach the same galvanic potential
Eg only if the total resistance in the path of the current between them were zero.
Since the current must flow not only through the metal contact but also through
the ionically conducting solution, the resistance is not necessarily negligible, except
near the interface between the contacting metals. The result is that there is often a
significant variation in the potential from the interface to the more distant areas. For
the anode(s) of the system it means that the increase in the corrosion rate tends to
be highest near the interface and decrease with a distance from it.

Overall, for the whole galvanic system, the oxidation current must still equal
the reduction current, and the anodic current increase on the anode(s) must equal
the cathodic current increase on the cathode(s). For electrodes of unequal area this
means a higher current density increase for a small electrode than for a large one.
Thus a combination of a large cathode with a small anode is potentially more dam-
aging than the opposite case.

The actual severity of galvanic corrosion also depends, however, on the polar-
ization behavior of the electrodes, especially of the anode(s). The essential effect of
galvanic interaction is an increase in the potential of the anode, and if this increase
does not result in an increase in the oxidation rate, there is no galvanic corrosion.
This is true for a passivating metal in the region of potential-independence of the
current density. Coupling with a more noble electrode may increase the corrosion
potential, but if Ecorr remains in the region of passivity, the dissolution rate increase
little or not at all. Since the corrosion potential cannot exceed the equilibrium poten-
tial of the reduction reaction (or the highest one if several reactions participate), gal-
vanic interaction has no detrimental effect if there is no current density increase on
the anode at up to this potential.

A special case of galvanic interaction, called “oral galvanism,” may occur in the
oral cavity if restorations or appliances made of dissimilar metals are in contact
continuously or intermittently (during biting). The electric current circuit includes
a path through the tissues and the current flow may affect nerves, causing pain. The
conditions for galvanic interaction are much more common for metals in the oral
cavity than for implants because of the frequent use of both noble and base metals,
as in a contact between a gold crown and a dental amalgam filling. Still, severe
continuing galvanic corrosion is relatively rare because the galvanic effect rapidly
diminishes when an electric resistance is placed in the current path, causing an IR
(current times resistance) potential drop and thus reducing the potential increase on
the anode. When two dissimilar restorations are placed in contact the initial galvanic
current may be high (and cause pain), but the corrosion reactions often result in
the formation of nonmetallic corrosion products at the interface that increase the
resistance. Intermittent contacts of upper and lower jaw restorations are more likely
to cause high current spikes, but even there the oxide formation on the anode is
likely in time to reduce the effect.

Galvanic interaction also may have beneficial effects. In industrial practice one
type of corrosion protection is achieved by using a “sacrificial anode” made of a



5 Metal Corrosion 173

cheap base metal as “cathodic protection” (the protected part is made the cathode
of the cell) to protect the more valuable structure. This type of protection is nor-
mally not applied to biomaterials because the intensive corrosion of the anode would
be unacceptable within the human body. However, a mild galvanic interaction that
increases slightly corrosion of one part and decreases dissolution of the other part
may be beneficial if the elements dissolving from the protected part (cathode) are
more harmful (such as Ni) than those from the anode (such as Ti). Galvanic effect
may also be used to ensure stable passivity by increasing the corrosion potential
well above the primary passivation potential (Epp), but this must be done carefully
to avoid the danger of passivity breakdown (see Sect. 5.3.4). Conversely, the danger
of passivity breakdown my be lessened by coupling with a material with lower Ecorr

(anode of the galvanic cell), on the condition that this will not result in unacceptable
corrosion of the anode or shift the potential of the cathode into the region of unstable
passivity or activity.

5.3.3 Concentration Cell Corrosion

Similarly to galvanic corrosion, concentration cell corrosion involves a potential
difference between macroscopically separate electrode areas causing a flow of the
current and changes in the polarization of the areas. While in galvanic corrosion
the potential difference results from a difference in the electrochemical properties
of the electrode surfaces, in concentration cell corrosion there is a difference in the
concentration of species in the electrolyte involved in the corrosion reactions on
the electrode areas. The equilibrium potential of an electrochemical reaction is a
function of the ionic concentration according to the Nernst equation (5.4), and a
concentration difference generates a potential difference. Differences in concentra-
tion of both anions and cations can create a potential difference; since hydrogen
ions, dissolved oxygen and metal ions are the most important reactants or products
of corrosion reactions in aqueous solutions, hydrogen ion, oxygen and metal ion
concentration cells are most common.

In a metal ion concentration cell the electrode area exposed to a lower concen-
tration of the ions has a higher tendency to dissolve and lower individual corrosion
potential. When connected with the area of higher ionic concentration it is polarized
toward the higher potential of the other area, becomes the anode and its corrosion
rate increases. Differences in the concentration of cathodic reactants, such as hydro-
gen ions or dissolved oxygen, on the other hand, do not result directly in a difference
in the corrosion rate of the regions, because under short-circuit conditions the cor-
rosion potential is the same and thus both areas are polarized to the same potential,
resulting in the same anodic overpotential for the same oxidation reaction. Such a
concentration cell may cause corrosion acceleration of one of the areas indirectly,
as a result of chemistry changes at the electrode surface. Both reduction of hydro-
gen ions and reduction of dissolved oxygen involve consumption of hydrogen ions,
and the areas where these reactions are more intensive exhibit a pH increase. In the



174 M. Marek

industrially important case of an oxygen concentration cell (situation called “dif-
ferential aeration”), corrosion of steel is accelerated in the oxygen depleted region
next to the air saturated region because of the passivation of the latter due to the pH
increase, in spite of the fact that an oxygen concentration increase by itself normally
results in a higher corrosion rate.

Although some concentration differences are common, concentration cell corro-
sion of metallic biomaterials on unshielded surfaces is rare and usually mild. As
seen from the Nernst equation, a difference in metal ion concentrations by a fac-
tor of 2 and 10, for the most common divalent ions, results in potential differences
of only about 10 and 30 mV, respectively. Moreover, similarly to galvanic corro-
sion, the strength of the interaction diminishes with distance because of the elec-
tric resistance in the current path, but unlike the galvanic situation at the interface
between different solid phases, a sharp transition of one concentration to another
within the electrolyte cannot be sustained. Body fluids are well buffered against
large pH changes, but even for the larger pH variations due to post-surgery trauma
the concentration effect is rather mild for the common highly passivating alloys.
Concentration cells exists in the oral cavity because of the exposure of restorations
to both the oral and tissue fluids, but the corrosion effect is again relatively small.
Concentration cells, however, play a important roles in the forms of occluded cell
corrosion, which are discussed next.

5.3.4 Pitting and Crevice Corrosion

Except for degradations combining corrosion with mechanical effects, pitting and
crevice corrosion are the most destructive forms of corrosion of metallic biomate-
rials. Both are types of localized attack occurring in what is called “occluded cor-
rosion cells,” i.e., where solution at the site of the attack becomes different and
much more aggressive than the solution outside those sites because of the restricted
transport of ionic species in and out of the site. Both pitting and crevice corrosion
are most common and severe for passivating metals exposed to solutions contain-
ing chloride ions, where small regions of actively corroding metal become anodes,
surrounded by large cathode areas of slowly corroding passive surface.

The mechanism of corrosion in active pits and crevices is virtually the same, and
the main difference between the two forms is in the initiation, pitting requiring a
breakdown of the passive film to establish the occluded condition. In the absence
of a mechanical action, such as scratching, the breakdown is usually electrochem-
ical. Such a breakdown of passivity is potential dependent and occurs when the
electrode potential exceeds a critical value, called breakdown potential (Eb) or pit-
ting potential (Epit). In spontaneous corrosion breakdown occurs when the corrosion
potential, which, for passive metals, usually increases with time, reaches the break-
down potential. Thus a material with a lower breakdown potential is more suscepti-
ble to pitting initiation, assuming otherwise the same anodic and cathodic kinetics.
Since the corrosion potential cannot exceed the equilibrium potential of the cathodic
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reaction, this latter potential can be considered the minimum value of Eb for immu-
nity against pit initiation.

There are conflicting theories for the mechanism of the breakdown, but there is
evidence that chloride ions are involved (other halogens and some other aggressive
ions may play this role in some solutions), either by making the oxide film locally
soluble, slowing down repassivation of breaks in the film, or some other mechanism.
Pitting may also be initiated by surface impurities, such as sulfide inclusions in
stainless steels. Once the metal becomes locally active the corrosion reactions cause
local changes in the electrolyte chemistry, which prevent repassivation. The most
important of these changes is acidification, which results from a chemical reaction of
metal ions with water, called hydrolysis. For example, for chromium the hydrolysis
reaction may be as follows:

Cr3+ + 3H2O = Cr(OH)3 + 3H+ (5.11)

The reaction consumes the dissolving metal ions, a solid corrosion product pre-
cipitates, and hydrogen ions are generated, thus causing the pH to drop. The high
acidity generated by the hydrolysis reaction prevents repassivation because of the
higher solubility of the oxide at lower pH. The precipitated solid is non-protective,
and may impede transport of ions from and to the active surface.

The hydrolysis reaction starts when the concentration of the metal reaches a crit-
ical value, which depends on pH and on the value of the solubility product Ks. For
metals with poorly soluble oxides and hydroxides, which also form stable passive
films, acidification thus starts generally earlier than for metals with less effective
passivation. The pH drop continues and metal ion concentration increases (because
of higher oxide solubility at lower pH) until either a balance of transport in and out
of the pit is reached, or the metal concentration becomes high enough for precipita-
tion of a salt. Values of pH as low as 1.5 have been found experimentally in active
occluded corrosion cells.

Contributing to acidification is local depletion in dissolved oxygen, which nor-
mally consumes hydrogen ions (5.6), because oxygen diffuses slowly and cannot be
replaced sufficiently quickly at the site of dissolution. On the other hand, negative
chloride ions from outside the pit are attracted by the positive charge of the metal
ions within the pit, further impeding passivation.

If the whole surface of the electrode became active, the corrosion potential would
drop from the region of passivity to the region of activity. Since initiated pits are
only a small fraction of a total area of the electrode and are surrounded by a large
passive surface, the potential does not change that much, resulting in high anodic
polarization for the active area within the pits and a very high corrosion current
density, often three or more orders of magnitude higher than outside the pits. The
consequence is a high rate of growth of the pits. The growth rate may decrease
with time, however, as the resistance in the current path between the outside and the
bottom of the pits increases and results in a potential drop, which reduces the anodic
polarization of the active surface.



176 M. Marek

The maintenance of an active pit requires a dissolution rate generating enough
ions to keep the pH continuously low by hydrolysis, while some hydrogen and metal
ions escape from the pit and some oxygen diffuses inside. Since the dissolution rate
in the active state is a function of the potential, lowering the potential decreases the
dissolution rate, until eventually the active surface within the pit cannot be sustained
and the surface repassivates. The potential value at which this happens has been
called “protection potential” (Eprot) or “repassivation potential” (Erp).

Crevice corrosion involves the same mechanism as pitting, except that the occlu-
sion results from shielding of a part of the surface. Crevice corrosion cells are thus
common where two metal parts or a metal and a nonmetal part are in contact that
allows access of the electrolyte between them. For medical implants some com-
mon sites are between the head of a bone screw and a bone plate, or between a
ball and stem of a two-component hip implant. For a newly formed crevice, or a
crevice newly exposed to the solution, there is a period of inactivity, during which
the occluded cell conditions are getting established, i.e., depletion of dissolved oxy-
gen, accumulation of metal ions by a slow dissolution of the oxide film, followed by
metal ion hydrolysis, pH drop, accelerated dissolution of the oxide, and increasing
concentration of chloride ions. The active surface within the crevice is coupled with
the usually larger external passive surface and is thus anodically polarized, which
results in a high corrosion rate. Similarly to pitting, lowering the potential below a
critical value reduces the dissolution to a rate, at which the active corrosion condi-
tions within the crevice are not sustained.

Crevice corrosion is generally more severe for narrower crevice gaps, because the
transport restriction is more effective. On the other hand, since the important polar-
ization effect of the external surface requires a current flow, a too narrow crevice,
or a crevice filled with corrosion products may involve a potential drop that reduces
the crevice effect. For the same reason, dissolution is usually most severe inside
but near the mouth of the crevice. The crevice corrosion rate may be increased or
decreased by a galvanic interaction if the two contacting components are made of
dissimilar materials, resulting in a potential change.

Ranking of the most common orthopedic implant alloys based on the values of
the breakdown potential in vitro shows increasing corrosion resistance in the order
Type 316 LVM stainless steel, Co-Cr alloys and Ti alloys, which is in agreement
with the clinical experience. In the area of dental restorative materials, high-copper
dental amalgams, which do not exhibit breakdown of passivity in vitro, also show
less corrosion than low-copper amalgams, which do.

5.3.5 Environment Induced Cracking

When a metal part is subjected to a mechanical load in a corrosive environment,
cracking may occur as a result of a combination of those conditions. If the load
is mostly static the failure is usually called stress corrosion cracking (SCC), while
fluctuating loading may result in corrosion fatigue (CF). The term hydrogen induced
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cracking (HIC) is used when the failure can be attributed to the entry of hydrogen
atoms into the metal.

These forms of failure are of great industrial importance and there are many con-
flicting theories and models of the mechanisms. While some researchers seek and
favor a single mechanism for different alloy/environment combinations, others find
evidence for different mechanisms in different systems. Dissolution models of SCC
and CF attribute the crack extension to anodic dissolution of a strained metal at
the crack tip, while mechanical models describe the process as a mechanical fail-
ure facilitated in various ways by the environment, such as by weakening of the
atomic bonds at the crack tip due to adsorption of species from the electrolyte, for-
mation of brittle films or other brittle phases, various effects of the electrolyte on
dislocation generation, interaction and movements, etc. Hydrogen induced cracking
may be due to absorbed hydrogen affecting the metal lattice properties or disloca-
tions, or formation of brittle hydrides. An increase in the electrode potential (anodic
polarization) often is observed to increase the rate of crack propagation, which is
predicted by dissolution models but is also in accord with some mechanical models.
When cracking is accelerated by cathodic polarization, which increases the supply
of reduced hydrogen ions at the metal surface, it suggests that HIC is involved.

Stress corrosion cracking has been observed in specific metal/environment sys-
tems, is mostly confined to alloys, and most common metallic biomaterials are resis-
tant to SCC. Stainless steels are well known to suffer from SCC in hot chloride
solutions, but there is no conclusive evidence that SCC occurs for implant-grade
stainless steel in body fluids at body temperature. Some titanium alloys are highly
susceptible to SCC, but commercially pure Ti and implant Ti alloys, such as Ti-6Al-
4 V, do not appear to be susceptible in body fluids. On the other hand, there is some
concern regarding possible HIC of Ti and its alloys.

In contrast to SCC, corrosion fatigue is not confined to specific systems, and
acceleration of fatigue crack propagation by corrosive environments is common.
Moreover, since metal fatigue is highly sensitive to surface conditions, initiation of
fatigue (and CF) failure may be facilitated by localized corrosion, such as pitting.
Thus the corrosive environment may decrease the threshold stress intensity or the
fatigue crack propagation rate, or both.

5.3.6 Intergranular Corrosion

In intergranular corrosion the dissolution is confined to a narrow region along the
grain boundaries, and the attack may not be clearly visible until failure occurs
due to the loss of mechanical integrity. A severe susceptibility of the grain bound-
ary regions may be due to the precipitation of corrosion susceptible phases, or to
depletion of elements providing corrosion protection along the boundaries due to
precipitation of phases rich in those elements. The latter is the cause of intergranu-
lar corrosion of “sensitized” stainless steels (and some Ni-Cr alloys), sensitization
being due to precipitation of chromium-rich carbides along grain boundaries, and
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may occur during heating into a specific temperature range, for instance during
welding. This dangerous form of corrosion of stainless steel may be avoided by
proper heat treatment (dissolving existing carbides at high temperature and rapid
cooling to prevent precipitation) or by alloying with other strong carbide forming
elements, but in stainless steel for implants normally it is prevented by using steels
with a very low carbon content.

5.3.7 Wear-Corrosion, Abrasion-Corrosion,
Erosion-Corrosion, Fretting

In these forms of corrosion the mechanical action destroys the protective films,
allowing active corrosion of the unprotected metal surface. If only part of the surface
is active the coupling of the active surface with neighboring passive areas intensifies
corrosion. Wear-corrosion involves parts in a friction contact with relative move-
ment, while abrasion-corrosion involves abrasive particles between the contacting
surfaces, which may be the debris from the wear process. In erosion-corrosion the
destruction of the surface film is due to the flow of a liquid, mostly one contain-
ing abrasive particles. Fretting is a special case of wear-corrosion, in which there
are only small relative movements between contacting parts that are essentially in a
static mutual relationship. Thus wear- and abrasion-corrosion may occur in articu-
lating implants, such as on a metal ball of a hip joint in contact with the polyethylene
cup, and fretting may take place between the ball and stem of multi-component hip
implant. Wear- and abrasion-corrosion occur on the mastication surfaces of dental
restorations. Erosion-corrosion may cause degradation of metallic heart valves.

Wear- and abrasion-corrosion and fretting are often electrochemically quite com-
plex. The narrow gap between contacting surfaces creates crevice conditions, so that
the destructive effect of friction and abrasion on the protective surface film is super-
imposed on the corrosion mechanism in the occluded cell. Galvanic interaction may
be involved for contacting metal parts, resulting in either acceleration or mitigation
of the attack. For intermittent wear and abrasion events the repassivation ability of
the metal is an important factor.

5.4 Corrosion Testing of Metallic Biomaterials

In corrosion research a large number of tests that can be used are often designed for
the purpose of investigation of corrosion mechanism and determination of parame-
ters for specific materials or classes of materials. Most corrosion tests are performed
in the laboratory (in vitro); tests in animals or humans (in vivo) are mostly limited
to examination of retrieved implants and dental restorations or surrounding tissues,
and only rarely to determine details of the corrosion behavior and parameters. The
discussion here is limited to laboratory tests used for general evaluation of metallic
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implant and dental materials with the purpose of predicting their performance in the
human body.

The choice and design of such laboratory corrosion tests is based on a number
of scientific and practical considerations, including the following: (1) the type of
corrosion in the human body environments is almost exclusively electrochemical;
(2) metallic biomaterials are mostly highly corrosion resistant, resulting in very low
corrosion rates requiring very sensitive testing techniques; (3) the chemistry of the
human body fluids is relatively stable for specific application sites; (4) the rate of
release of metallic ions and their nature is an important factor in the suitability of
materials for use in the human body. As a result of these considerations the evalu-
ations tests have the following general characteristics. First, electrochemical tests,
which are highly sensitive, are used to determine the major parameters of the corro-
sion behavior, and immersion tests, which include solution analysis for metal ions,
are used to determine qualitatively and quantitatively the released metal ions. Sec-
ond, tests are performed using relatively simple solutions, omitting components of
minor corrosion significance, but controlling the most important characteristics of
the target environment. The conditions and procedures for the most common tests
have been standardized [1].

Because of the simplification involved in the choice of the environment and some
of the test conditions, such as short exposure time, laboratory corrosion tests of bio-
materials are mostly ranking tests, predicting a relative, rather than absolute perfor-
mance. Their usefulness is based on the clinical experience with some traditional
medical implant and dental restorative materials. If a tested material yields corro-
sion results similar or better than materials with proven, acceptable performance
in the human body, there is reason to believe that the new material will perform
equally well or better clinically. Eventually, this assumption must be confirmed in
animal and human tests, but the laboratory tests are an important way of eliminating
unsuitable materials before the clinical test phase is reached.

Most metallic biomaterials are passivating alloys and electrochemical tests are
capable of yielding a substantial number of parameters related to the passivation and
passivation breakdown. For the purpose of predicting the corrosion performance,
however, in vitro electrochemical corrosion tests focus mainly on the resistance to
the loss of passivity. When active corrosion occurs locally on otherwise passive sur-
face it results in a severe corrosion attack, usually in the localized form of pitting
or crevice corrosion. The fundamental electrochemical resistance to the localized
loss of passivity is related to the passivity breakdown that occurs when the poten-
tial exceeds a critical value, the breakdown potential Eb. The breakdown potential
is commonly determined using an electronic potentiostat16 and subjecting the tested
sample to increasingly higher potentials until a sharp increase in the anodic current

16Electronic potentiostat is a device for controlling the potential of a tested electrode by flowing the
necessary current through it. It is usually used with three-electrode corrosion test cells, in which
the tested sample is a “working electrode,” the potential of which is measured with respect to a
reference electrode, and a relatively inert auxiliary “counter electrode” is used to complete the
circuit for the current flow through the electrolyte.
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signals initiation of active corrosion. This potential scanning technique is described,
for instance, in the standard test method ASTM 2129, “Conducting Cyclic Poten-
tiodynamic Polarization Measurements to Determine the Corrosion Susceptibility
of Small Implant Devices.” The same procedure can be used for testing laboratory
specimens of any passivating biomaterial. The standard test solution according to
ASTM 2129 is a phosphate-buffered saline at pH 7.2, and is used at 37 ◦C and satu-
rated with pure nitrogen (deaerated). This solution is appropriate for testing of bio-
materials that are to be exposed to blood or tissue (interstitial) fluids. The standard
also describes a synthetic bile solution for testing of biliary implants, and the same
procedure may be used with other body fluid substitutes. The results are somewhat
dependent on the choice of the potential scanning speed, the most common values
being 0.1667 or 1 mV/s.

The ASTM standard F2129 also describes the determination of the “protection”
or “repassivation” potential Eprot, which is obtained by reversing the scan after the
passivity breakdown occurs, and is defined as the potential at which the current
density drops to the value previously observed during the forward scan. Although
this determination is theoretically valid, the results must be treated with caution.
The reversal of the solution chemistry changes that occur during initiation of pit-
ting depends on the extent of the damage that occurs after the breakdown, and Eprot

generally decreases with increasing current at scan reversal. Even at the same cur-
rent value at reversal, however, Eprot also depends on the size and number of initiated
pits, since many small pits repassivate more easily than few large ones. The observed
value of Eprot also depends on the breakdown potential Eb, because pits initiated at
a higher potential grow faster than those initiated at lower potentials. Still, cyclic
polarization (potential scan with a scan reversal) is useful because the presence of
a hysteresis loop, i.e., the current density returning to the pre-breakdown value at a
potential Eprot<Eb, is evidence that the current increase was due to localized pas-
sivity breakdown rather than some oxidation process in the electrolyte or general
reactivation.

Another way to determine the repassivation potential of alloy specimens (rather
than actual devices) is described in ASTM F746 “Standard Test Method for Pitting
or Crevice Corrosion of Metallic Surgical Implant Materials.” A cylindrical spec-
imen is equipped with a plastic collar creating an artificial crevice, breakdown of
passivity is induced by application of a high potential, and the potential is lowered
in steps until repassivation occurs. Localization of the attack inside the artificial
crevice is intended to lessen the problem of differences in active cell size, but the
exposure time may not be always sufficient for creation of crevice conditions.

Corrosion current density is an important parameter both with respect to the dam-
age to the device and release of metal ions into the body, but its determination
is often problematic. Typically icorr is substantially time-dependent, for passivat-
ing alloys mostly decreasing with time of exposure, and the test results thus vary
with timing of the test. Since the directly measurable current at Ecorr is zero, indi-
rect methods, such as extrapolation of the Tafel lines to Ecorr or calculation from
polarization resistance, must be used. A standard test method for conducting poten-
tiodynamic polarization resistance measurements is described in ASTM G59.



5 Metal Corrosion 181

Most serious degradation of metallic implants often is due to a combination of
corrosion with mechanical forces. Devices subjected to fluctuating loads, such as
many orthopedic implants, may fail by corrosion fatigue. A standard practice for
corrosion fatigue testing of metallic implant materials is described in ASTM F 1801.
Modular devices, such as hip implants consisting of a separate femoral head and
stem may suffer fretting corrosion and are tested as per ASTM F 1875. Fretting
corrosion also may occur at the contact between bone screws and plates, and the
susceptibility to this degradation is tested as per ASTM F 897.
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Chapter 6
Wear

Chunming Jin and Wei Wei

6.1 Introduction

Wear is a critical issue for prostheses, implants, and other medical devices. Wear
may lead to significant loss of material and/or failure of a medical device. For exam-
ple, wear and wear-related damage commonly cause failure of hip, knee, and other
orthopedic prostheses [1]. Even a relatively small amount of wear can lead to signif-
icant degradation of function for some medical devices. For example, wear debris
generated from degradation of a joint prosthesis can result in a biological process
known as osteolysis (bone resorption), which can cause loosening of the prosthe-
sis [2, 3], Wear may also lead to failure of artificial heart valves and other medical
devices that enable critical physiologic activities [4]. In this chapter, the wear mech-
anisms that are commonly encountered in biomedical materials and medical devices
are discussed.

6.2 Friction, Lubrication, and Wear

Friction, lubrication, and wear are three concepts that are encountered when exam-
ining the relative motion of two surfaces that are placed in contact. The significance
of friction, lubricant and wear in the function of medical devices has been inves-
tigated for several decades. The scientific examination of friction, lubrication, and
wear emerged as an independent field in the 1960 s. For example, the term “tri-
bology” originated in a 1966 British Department of Education and Science report
to describe the study of friction, lubrication, and wear. Soon afterward, Dowson
coined the phrase “biotribology” to describe the examination of wear, friction, and
lubrication in biological systems [5].

The term friction refers to the resisting force that acts along the surfaces of two
interacting bodies. Friction force occurs under the following conditions: (1) there is
a force acting perpendicularly to the surfaces, (2) the surfaces have a predisposition
towards relative movement or are actively moving relative to each other. Friction
forceFf is related to the normal force F⊥ through the following equation:

Ff = μF⊥ (6.1)
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in which μis known as the coefficient of friction and is a dimensionless quantity. The
friction force between surfaces that are moving relative to each other is referred to
as kinetic friction. When there is no relative motion between the two surfaces, a fric-
tion force known as static friction is observed; the static friction coefficient is higher
than kinetic friction coefficient. Movement of objects leads to energy loss since
kinetic energy is converted to thermal energy. Materials known as lubricants may
be used to separate the surfaces of the two interacting bodies in order to minimize
friction and wear. Gases, liquids, solid films, or particles can serve as lubricants.

Friction is divided into dry friction and viscous friction. The term dry friction
refers to friction behavior between two dry sliding solid bodies. Viscous friction
refers to friction behavior of solid bodies that are separated by gases or fluids. In
ideal situations, classical laws are valid for dry friction. For example, the frictional
force is proportional to the normal load in ideal situations. In addition, the coefficient
of friction is independent of surface area and sliding speed. Viscous or lubricated
friction can be classified into different categories using the Stribeck curve [6, 7],
which is shown in Fig. 6.1. The Stribeck curve is a plot of the coefficient of friction
as a function of the parameter ZN/P, where Z is the viscosity of the lubricant, N
is the velocity, and P is the load. When the value of ZN/P is low, a thin lubricant
film coats the sliding surfaces; this situation is referred to as boundary lubrication.
In boundary lubrication, the thickness of the lubricant film is similar to the height
of the uneven features (asperities) on the surface of the material. In this case, the
coefficient of friction is determined by the chemical properties of the lubricant film,
the physical properties of the lubricant film, and the lubricant film thickness; this
lubricant film (known as a boundary film) serves to limit wear. In general, bound-
ary lubrication is characterized by relatively high coefficient of friction values and
wear rates. A high ZN/P values corresponds to a situation in which high veloci-
ties, high lubricant viscosities, and low loads are observed. In this case, which is
known as hydrodynamic lubrication, a thick, continuous lubricant film is observed

Fig. 6.1 Schematic
illustration of Stribeck curve,
which shows different
lubrication regimes
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between the two sliding surfaces. Friction in this regime is determined by the rhe-
ologic properties of the lubricant; wear of the sliding surfaces is limited since the
two surfaces are not in direct contact. In elasto-hydrodynamic lubrication, the lubri-
cant film is thinner than in hydrodynamic lubrication but it is sufficiently thick to
prevent the two surfaces from directly contacting one another. Elastic deformation
of the sliding surfaces may result from transfer of pressure through the separation
film. In the mixed lubrication regime, the lubricant film is thin and discontinuous.
Direct interaction between the two sliding surfaces occurs, resulting in high wear
rates. In this regime, elastohydrodynamic and boundary mechanisms may be active
at the same time. In large joints, the two sliding surfaces are bones that are covered
at the ends with articular cartilage. In a healthy joint, viscous synovial fluid provides
a lubricant that is released into the joint space under pressure in what is commonly
referred to as “weeping” lubrication. The articulating motion for healthy human
joint has very low coefficient of friction, which is in the range 0.005–0.025 [26]. In
the human body, different lubrication modes may be observed at various stages of
tissue motion. For example, boundary lubrication is the dominant mechanism when
joint motion is initiated [8].

The term “wear” covers a wide range of phenomena related to surface damage;
it is commonly defined as “damage to a solid surface, generally involving progres-
sive loss of material, due to relative motion between that surface and a contacting
substance or substances” [9–11]. Wear damage may also occur by means of plas-
tic deformation near the surface of a material. In this case, no material removal is
observed, but the shape of the material is changed due to the relative motion of the
two surfaces. Wear damage to the surface of material may include any manner of
surface degradation, including material removal, material displacement due to plas-
tic deformation, topology changes (e.g., fracture), and surface chemical changes
(e.g., oxidation) [10, 11].

6.3 Wear Classifications and Fundamental Wear Mechanisms

Several classification schemes have been developed to understand and compare wear
processes. One or more fundamental wear mechanisms may play a role in any given
real world wear process. Wear is classified based on several characteristics, includ-
ing (1) the physical mechanism by which wear damage occurs, (2) the appearance
of the wear damage, and (3) the condition of the wear process [11]. Bayer clas-
sified the physical mechanism of the wear damage into eight distinct categories,
including adhesive wear, single-cycle deformation wear, repeated-cycle deforma-
tion wear, corrosive or oxidation wear, thermal wear, tribofilm wear, abrasive wear,
and atomic wear [11]. In many biomedical devices (e.g., artificial joints), damage
generally occurs by means of adhesive wear, abrasive wear, corrosive wear, and
fatigue wear [1].
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Adhesion Transformation

Fig. 6.2 Schematic illustrations of adhesive wear behavior

6.3.1 Adhesive Wear

Adhesive wear originates from adhesion between two surfaces that are placed in
contact. When two surfaces are brought into contact, asperities of the two surfaces
make physical contact. This “true” contact area is significantly smaller than the
apparent surface area of the two contact surfaces. The contact area between the two
surfaces is localized to the small regions known as asperities; these asperity-asperity
contact regions are referred to as junctions [11]. The size of a junction is usually in
the range 1–100 μm; the typical size of a junction is 10 μm in diameter. The number
of junctions is dependent on the surface roughness and the amount of load that is
applied. Under load, bonding between asperities on the two contact surfaces may
occur. The amount of deformation at these junctions is also dependent on the number
of junctions and the size of the junctions. Under sliding motion, plastic deformation,
cracking and fracture can occur in the “true” contact area. Adhesive wear is largely
due to fracture of material and transfer of material at the asperity-asperity contact
regions (Fig. 6.2). Prior to fracture, plastic deformation and crack formation may
cause damage to the contact surfaces.

The formation of wear debris is dependent on the mechanical properties of the
contact materials and the geometry of the asperities on the contact surfaces. For
example, ductile materials generally produce a higher number of wear particles
than brittle materials. Wear debris is usually generated from the material with lower
hardness values. For example, in an orthopedic prosthesis that contains metallic
and polymeric components, the adhesive wear debris is usually generated from the
polymeric component [12]. Adhesive wear is associated with a high wear rate and a
variable coefficient of friction [7, 11, 13].

The adhesion between two surfaces is also dependent on the chemical properties
of the contact surfaces [13]. Materials with similar chemical properties generally
exhibit higher adhesive forces because they are able to form chemical bonds more
readily. Strong metal-to-metal adhesion may occur as a result of electron exchange
and bond formation. For example, when adhesion between iron and other metals
was examined under vacuum, the iron-iron contact had the highest adhesive force
and the iron-aluminum contact had the second highest adhesive force [13]. In certain
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cases, the thin oxide layers on many metallic materials may limit chemical bonding
between metal surfaces. Strong adhesion between metallic and polymeric materials
is also commonly observed. Adhesive wear is also a significant wear mechanism for
joint prostheses that contain metallic and polymeric components. Chemical interac-
tion and adhesive wear has been also observed between metal and ceramic contact
surfaces [14].

An equation first proposed by Archard in 1953 has been developed to describe
the volumetric wear rate for adhesive wear [11, 15]:

RV = K P

3 h
(6.2)

In this equation, K is the probability that a given junction will produce adhesive
wear, P is the normal force that holds the two contact surfaces together, and h is the
penetration hardness of the softer material. This equation indicates that the adhesive
wear rate is directly proportional to the load and inversely proportional to the hard-
ness of the softer material. The equation also indicates that adhesive wear rate is
proportional to the value of K. The value of K is determined by the adhesive behav-
ior of the junction interface; weaker adhesion is correlated with smaller K values.
For self-mated metals, typical values for K are in range of 2×10−4 to 0.2 for dry
wear and 9×10−7 to 9×10−4 for lubricated wear [16]. This equation provides good
agreement with experimental data in most cases.

6.3.2 Fatigue Wear

Fatigue wear is a wear mechanism that occurs when a material undergoes cyclic
loading. Other wear mechanisms such as delamination wear and flow wear also fall
in the general category of repeated-cycle wear processes [11]. Fatigue wear can be
observed in sliding, rolling, or impact wear processes. In repeated rolling processes,
wear damage may be referred to as surface fatigue or contact fatigue [13].

In repeated sliding situations, fatigue wear may occur even if the coefficient of
friction is small and lubricant is present. In this mechanism, shear forces during
sliding processes cause strain near the surface. As the plastic strain accumulates,
the movement of dislocations leads to the formation of microcracks on the sur-
face or below the surface (Fig. 6.3). Cracks are initially produced on the weak,
imperfect, or otherwise damaged regions of the contact surface. These cracks grow
and propagate through the material to form crack networks under repeated sliding
motion. As the two surfaces continue to slide against one another, material on the
contact surface is fractured and wear debris is formed. In rolling contacts, fatigue
wear mechanisms depend mostly on the material properties and testing/operational
conditions.
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Fig. 6.3 Schematic
illustration of fatigue wear
behavior

6.3.3 Abrasive Wear and Third-Body Wear

Abrasive wear is caused by plowing of particles and asperities [7, 11, 13]. This wear
process is commonly observed when the surface is placed in contact with either par-
ticles or surfaces that exhibit equal or greater hardness values. The term “abrasion”
is commonly used to describe wear processes involving two wearing surfaces and
the term “erosion” is commonly used to describe wear processes in which only
one surface is involved. Abrasion processes may be subdivided into two-body and
three-body abrasion processes [11]. Two-body abrasion involves damage caused by
the particles and asperities that are attached to another surface. On the other hand,
three-body abrasion wear process involves damage caused by hard particles that are
not fixed on a surface but instead move between the two contact surfaces.
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Fig. 6.4 Schematic illustration
of oxidative wear behavior

Abrasive wear can occur through four types of mechanisms: cutting, fracture,
fatigue, and grain pull-out [13]. The cutting mechanism occurs when a hard sharp
particle or surface asperity ploughs into the surface of the softer surface. Surface
damage can also occur by fracture of brittle material, fatigue under repeated defor-
mation, and grain detachment due to sliding of abrasive particles.

For ductile materials, abrasive wear volume is proportional to the normal load
and the sliding distance and is inversely proportional to the hardness of the material
[8]. For brittle materials, wear debris is produced primarily as a result of fracture. In
this case, the abrasive wear rate is inversely proportional to both the hardness and
the fracture toughness of the material.

6.3.4 Chemical (Corrosive) Wear

In chemical (corrosive) wear, chemical or electrochemical reactions accelerate the
wear process [11, 17, 18]. Oxidative wear is a chemical wear process that is observed
in many metals. Oxidative wear involves the continuous removal of oxide layers
from the contact surface [11]. The removal of material commonly results from slid-
ing contact. After the oxide layer is removed, the denuded metal surface is exposed
to air or biological fluids and is quickly re-oxidized. As a result, a metal oxide layer
re-forms on the surface of the material. These re-grown oxide layers are removed
by sliding cycles and are subsequently regenerated by exposure to air or biological
fluids. It is interesting to note that in many cases the metal oxide may exhibit lower
wear rates than the corresponding metal [19]. In other cases, the oxide layer may
delaminate due to sliding movement if adhesion between the oxide layer and the
underlying metal is poor (Fig. 6.4) [17, 18]. Oxidative wear is commonly observed
in dry wear processes; it may also be observed in lubricated wear processes. The
oxidative wear rate is proportional to exp[–Q/(RgT)], where T is temperature, Q is
the activation energy, and Rg, is the gas constant. This relationship is valid for both
metallic and ceramic materials [7].
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6.4 Wear in Biomedical Devices and Biomaterials

6.4.1 Wear in Prostheses and Biomedical Devices

Over the past 40 years, biotribologists have made several notable efforts to increase
the wear resistance of prostheses and medical devices. As mentioned earlier, wear
may result in the failure of knee joint prostheses, hip joint prostheses, and other
orthopedic prostheses [1–3]. Wear may also cause failure of cardiovascular devices,
including artificial heart valves [4].

Many efforts have been made to improve the wear resistance of small and large
joint prostheses, including shoulder, hip, knee, and finger joints. For example, hip
prostheses are utilized for reduction of pain and re-establishment of function in
patients who suffer from osteoarthritis, rheumatoid arthritis, osteonecrosis, post-
traumatic arthritis, bone tumors, and hip fractures. A large number of hip prosthesis
failures are due to osteolysis and aseptic loosening (loosening of the prosthesis-bone
interface in the absence of infection). According to a recent National Institutes of
Health report, the biological response due to wear debris, along with fixation of
the acetabular component and problems associated with revision surgery, are crit-
ical issues that affect life span of hip prostheses [1]. In recent years, the materials
and processes used for acetabular fixation have been significantly improved. Unfor-
tunately, osteolysis and other reactions to wear debris remain critical issues that
significantly limit the lifespan of hip prostheses.

A total hip joint prosthesis is composed of a femoral component and an acetab-
ular component. Metals, ceramics, and polymers may be used to fabricate the
acetabular component; metals and ceramics may be used to fabricate the femoral
components. In a joint prosthesis, four different modes of wear behavior may be
observed [12]. Mode 1 wear is associated with articulation between the anticipated
bearing surfaces; for example, mode 1 wear in a total hip replacement prosthesis
occurs between the femoral head and the acetabular cup. Mode 2 involves artic-
ulation between a primary bearing surface and an unintended surface. In a total
hip replacement prosthesis, mode 2 wear may take place between the femoral head
and the metal backing of the acetabular cup. Mode 3 is a three-body wear process
that involves the intended bearing surfaces. Interaction between metal debris, the
femoral head, and the acetabular cup is an example of three-body wear. Mode 4 is
an articulation between two nonbearing secondary surfaces in a prosthesis.

In a joint prosthesis, the wear rate is dependent on various factors, including
the type of motion that takes place when the prosthesis components interact and
the number of cycles of motion that the prosthesis undergoes. In addition, wear
rate in the artificial joint is also related to the clinical practices, design considera-
tions, patient-specific factors, materials parameters, surface preparation, and tissue-
material interaction [5].

The major wear mechanisms for joint prostheses include adhesive, abrasive,
fatigue, and corrosive mechanisms [1]. In most situations, wear damage of an
implanted device is caused by a combination of these mechanisms, with one or
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more of these mechanisms being dominant. In metal-polyethylene joint implants,
adhesive wear is a common primary wear mechanism.

In joint prostheses that contain metallic and polymeric components, most adhe-
sive wear debris is made up of the softer polymeric material. In many cases, adhe-
sive wear may be correlated with the types of asperities or regions of unevenness
on the surface of metal component. Adhesion or cold welding may occur at the
asperity-asperity junction regions due to large local stresses. As a result, small
pieces of polyethylene are transferred from the polymer to the metal due to junc-
tion formation-destruction-reformation process. The wear debris may be either tem-
porarily or permanently attached to the counterface material. The wear volume is
proportional to both the sliding distance and the load acting on the device; the
wear volume is also inversely proportional to the hardness of the material. The
removal of polyethylene results in pitting and void formation on the polyethylene
surface.

Asperities on the surface of the metal component can cause abrasive wear of
polyethylene. In general, materials that exhibit higher hardness values generally
demonstrate higher resistance to abrasive wear. In joint prostheses that contain
metallic and polymeric components, abrasive wear damage mostly occurs on the
polymer; some damage may also be observed on the metal surface. Two-body abra-
sive wear in metal-polymer joint prostheses is related to the surface roughness of the
metallic component. Scratches on the metal surface may significantly increase the
wear rate of the polyethylene surface. Hard particles (e.g., bone cement) may con-
tribute to three-body wear of joint prostheses. These loose particles come from the
prosthesis or from the immediate implant-tissue environment. Particles are either
trapped between the contact surfaces (three-body wear) or attached to one of the
contact surfaces (two-body wear). Metal, polymer, or bone particles embedded in
a polyethylene-bearing surface may induce three-body wear in artificial joints. The
rate of abrasive wear is determined by the surface roughness of the metal component
and the presence of third-body particles.

Fatigue wear primarily takes place on the softer polyethylene surface. Subsurface
delamination and cracking of the polyethylene component may result in the gener-
ation of polyethylene debris. Deep cracks in the polymeric biomaterial may result
in the formation of particles. Corrosive wear may result from chemical or electro-
chemical interactions on the prosthesis surface; for example, metals may react with
oxygen to form metal oxides on a metallic implant surface. This metal oxide surface
may have lower shear strength than the underlying metal, and may exhibit a more
rapid wear rate. The corrosive wear rate depends on the reactivity of the component
materials and the biological environment.

6.4.2 Wear Resistance of Biomedical Materials

The materials currently used in total hip joint prostheses include metals, ceram-
ics, and polymers. Two types of polymers are widely used for manufacturing joint
devices [20]. For example, ultra high molecular weight polyethylene is commonly



192 C. Jin and W. Wei

used for fabricating the liner of the acetabular cup in total hip joint prostheses. Poly-
methylmethacrylate is a bone cement that is used for attaching (fixing) the hip pros-
thesis to the surrounding bone. Degradation of both of these polymers may lead to
failure of hip prostheses.

Polyethylene contains long chains of ethylene molecules (C2H4). Ultra-high
molecular weight polyethylene exhibits a molecular weight of 2–6 million g/mole
and a melting point of 140–145 ◦C. The density of ultra high molecular weight
polyethylene is ∼0.930–0.945 g/cm3, which is similar to the density of high density
polyethylene (0.952–0.965 g/cm3) [21, 22]. The mechanical properties of ultra high
molecular weight polyethylene are dependent on its chemical structure, molecular
weight, crystallinity, and thermal history [21].

Ultra high molecular weight polyethylene is a semi-crystalline polymer that
exhibits crystallinity values in range of 45–75 % [21–23]. Ultra high molecular
weight polyethylene consists of 10–50 nm thick, 10–50 μm long crystalline lamel-
lae, which are surrounded by amorphous regions [21]. The amorphous regions con-
sist of randomly oriented polymer chains that join the lamellae together and impart
mechanical strength. The high crystallinity of ultra high molecular weight polyethy-
lene provides good resistance to fatigue crack propagation [20]. The crystallinity
of ultra high molecular weight polyethylene decreases when the material is heated
above its melting point; this loss of crystallinity is irreversible [22].

The coefficient of friction for ultra high molecular weight polyethylene depends
on the counterpart and contact conditions. For example, McKellop et al. reported
friction coefficient values from 0.07 to 0.2 for ultra high molecular weight polyethy-
lene lubricated with bovine serum [24]. Similar coefficient of friction results were
reported by Klapperich et al.; they reported coefficient of friction values in the range
0.08–0.23 [23]. The in vivo performance of ultra high molecular weight polyethy-
lene has also been investigated; average wear rates of ∼0.1–0.6 mm/year and wear
volumes of 50–100 mm3/year were reported by Chiesa et al. [25]. Wear rates for
ultra high molecular weight polyethylene differ based on the surface properties
of the counterpart material. For example, the wear volume of ultra high molecu-
lar weight polyethylene against cobalt-chromium alloy is ∼65 mm3/million cycles.
On the other hand, the wear rate of ultra high molecular weight polyethylene against
alumina is 18 mm3/million cycles [26, 27].

Every joint prosthesis and implantable medical device must be sterilized prior
to implantation. Due to the low thermal tolerance of polyethylene, sterilization is
usually performed by exposing the polyethylene component to gamma irradiation at
doses between 25 and 40 kGy using a 60Co source. Irradiation may cause two effects
in ultra high molecular weight polyethylene, degradation and crosslinking [21, 28–
34]. Degradation of ultra high molecular weight polyethylene may be caused by oxi-
dation of the material either during irradiation or after device implantation [20, 28,
29]. Oxidation induces the chain scission of ultra high molecular weight polyethy-
lene. As a result, the molecular weight of the polymer is reduced and the mechanical
properties of the polymer are altered, resulting in reduced wear resistance. The inter-
action between high-energy radiation and ultra high molecular weight polyethylene
results in the formation of free radical species through bond cleavage [35]. The
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hydrogen radicals produced by C–H bond cleavage have high mobility; on the other
hand, the mobility of radicals that result from cleavage of C–C bonds is low. If oxy-
gen is present, free radicals can also form peroxyl radicals [28]. Free and peroxyl
radicals can react with polyethylene chains, resulting in chain scission and addi-
tional free radical formation. Newly-generated free radical species maintain these
reactions and contribute to the degradation of polyethylene. Chain scission reduces
the length of polymer chain, and increases the crystallinity of the polymer. The
reduction of chain length and molecular weight alters the physical properties of
ultra high molecular weight polyethylene. The density and elastic modulus values
of ultra high molecular weight polyethylene increase due to the chain scission; as
a result, the material becomes brittle. The fatigue, fracture and wear resistance val-
ues for oxidized ultra high molecular weight polyethylene are lower than those for
as-prepared material. Free radical species demonstrate very long lifetimes. Even if
radiation sterilization of ultra high molecular weight polyethylene is performed in
an oxygen-free environment, free radical species may be formed that cause embrit-
tlement of the material. Oxidative degradation may continue after the prostheses are
implanted in the body; this degradation process may result in poor long-term wear
resistance.

Free radicals created during high-energy irradiation may be minimized using
thermal processes, including annealing or melting processes [34]. Unfortunately,
these treatments are not practical for total joint prostheses and other medical devices.
Several attempts have been made to increase the wear resistance of ultra high molec-
ular weight polyethylene [21]. One possibility involves the use of carbon-fiber
reinforced ultra high molecular weight polyethylene (Poly IITM). This composite
material contains short carbon fibers in an ultra high molecular weight polyethylene
matrix. Although laboratory studies provided promising results for this composite,
in vivo implantation studies demonstrated osteolysis and mechanical failure [21,
36–38]. It was found that the carbon-fiber reinforced composite exhibited very low
crack resistance compared with ultra high molecular weight polyethylene, since the
carbon fiber did not bond to the polymer matrix [21].

Crosslinking is an effective method for improving the abrasive wear resistance
of polyethylene [21, 39–41]. Crosslinking of polyethylene chains may be performed
using three different methods: irradiation, peroxide chemistry, and silane chemistry
[21]. In the irradiation method, gamma ray or other radiation is used to cleave C–H
and C–C bonds in polyethylene in order to produce free radicals. The molecular
weight of the polymer is reduced when carbon-carbon bonds are cleaved (chain
scission). Crosslinking is achieved when inter-chain covalent bonds are formed by
the reaction of free radicals from different chains. If cross-linking involves radi-
cals from C–H bonds, it is referred to as H-type cross-linking. Y-type cross-linking
results from reactions between the free radicals generated by the cleavage of C–C
bonds. Crosslinking is most significant in amorphous regions of ultra-high molec-
ular weight polyethylene. Improvements in the physical properties of ultra high
molecular weight polyethylene are dependent on several crosslinking parameters,
including technique, dose, radiation source, process temperature, and process time.
Crosslinking may significantly improve the wear resistance of ultra high molecular
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weight polyethylene; however, the fracture toughness of crosslinked ultra high
molecular weight polyethylene may be reduced [34].

Metal-on-metal joint prostheses have been developed in an attempt to reduce
the number of total hip joint prosthesis failures associated with wear of ultra high
molecular weight polyethylene. Early metal-on-metal hip prosthesis designs were
fabricated using stainless steel; however, most current metal-on-metal hip prostheses
contain two components that are fabricated out of cobalt-chromium alloys [42, 43].
First-generation metal-on-metal prostheses were replaced with ultra-high molecular
weight polyethylene/cobalt-chromium alloy prostheses in the 1970 s for several rea-
sons, including seizure of the cast metal surfaces [42, 43]. Second-generation cobalt-
chromium alloy/cobalt-chromium alloy prostheses were developed in the 1980 s.
During in vivo studies, these implants demonstrated a one year “running-in” period,
in which the wear rate of 25 μm/year was observed. After the “running-in” period,
a more impressive in vivo wear rate of 5 μm/year was noted. Abrasive wear is the
dominant wear mechanism for these devices; however, adhesive wear and fatigue
wear have also been observed.

Ceramic materials have been used in joint prostheses as an alternative to the
polyethylene-metal design since the 1970 s [44]. The two most common ceramic
materials used in prosthesis bearing surfaces are alumina and zirconia. Alumina
exhibits very high hardness (Vickers hardness 400–450 GPa) and elastic modulus
(380 GPa) values [45]. Prostheses containing alumina components generally pro-
duce a low number of wear particles. A wear rate of 0.1 mm3/million cycles has been
reported for alumina-on-alumina devices; this value is significantly lower than the
wear rate that has been reported for cobalt-chromium alloy–polyethylene devices
(65 mm3/million cycles) [26, 27]. Several factors may contribute to the enhanced
wear resistance of alumina. In addition to the high hardness, alumina components
can be manufactured with very low surface roughness (<0.005 μm); as a result,
abrasive wear is minimized. The hydrophilic nature of alumina may also contribute
to good wear resistance properties, since it enables full film lubrication [46]. One
major drawback of alumina is low fracture toughness values (brittleness), which can
cause failure of the prosthesis or medical device [44].

Zirconia (zirconium oxide, ZrO2) exhibits higher fracture toughness values than
alumina. Pure zirconia has three different crystalline phases: cubic, tetragonal and
monoclinic. At room temperature, pure zirconia is monoclinic. The transforma-
tion from the monoclinic phase to the tetragonal phase occurs at 1000–1100 ◦C. At
2000 ◦C, transformation from the tetragonal phase to the cubic phase takes place.
Shape change and volume expansion is associated with each phase transforma-
tion. The stresses created by these phase transformations result in the formation
of cracks. For this reason, zirconia is stabilized with yttrium oxide (Y2O3) or mag-
nesium oxide (MgO); these doped structures exhibit a stable tetragonal phase at
room temperature. Doped zirconia materials include partially stabilized zirconia
(PSZ), tetragonal zirconia polycrystals (TZP), and zirconia toughened ceramics. For
example, yttrium stabilized tetragonal zirconia polycrystal material is a fine-grained
material that exhibits high fracture toughness values (6–12 MPa m1/2); these values
are approximately twice as high as that of alumina (4–5 MPa m1/2) [44]. However,
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yttrium stabilized tetragonal zirconia polycrystals undergo a slow transformation
from tetragonal to monoclinic phase. Sato et al. have shown that water molecules
in the environment promote the tetragonal-monoclinic transformation on the sur-
face of zirconia prostheses [47]. This volume change leads to surface microcrack
formation, which can result in an increase in surface roughness.

Surface modification has been considered for optimizing the wear resistance and
biocompatibility of the total hip joint prostheses and other medical devices [48].
For example, superhard biocompatible coatings, including titanium nitride, silicon
carbide, tungsten carbide, and diamond-like carbon, have been utilized for increas-
ing the wear and corrosion resistance of metallic biomaterials [49]. Diamond-like
carbon is a metastable amorphous material that contains both sp3-hybridized carbon
atoms and sp2-hybridized carbon atoms; hydrogenated and nonhydrogenated forms
of this material may be prepared. Diamond-like carbon is a superhard material. The
elastic modulus and hardness value of diamond-like carbon depends on the fraction
of sp3-hybridized atoms in the films [50–53]. An sp3 fraction of 10% corresponds to
a hardness value of 2,000–3,000 Hv. As the fraction of sp3-hybridized carbon atoms
increases to 50%, a hardness value of 7,000–8,000 Hv can be achieved. Diamond-
like carbon films with 100% sp3 hybridized carbon atoms have demonstrated hard-
ness values of 10,000 Hv [54]. The elastic modulus values for diamond-like carbon
films with 0% to 90% sp3-hybridized carbon atoms can vary between 300 GPa and
800 GPa [55].

The coefficients of friction values for diamond-like carbon coatings depend on
the amount of hydrogen incorporated in the film, ambient humidity, topology, and
sliding partner [56]. For example, humidity plays a significant role in determining
the coefficient of friction for hydrogenated diamond-like carbon coatings. The coef-
ficient for hydrogenated diamond-like carbon coatings is in the range of 0.01–0.3
in vacuum conditions, but it greatly increases under humid conditions. On the other
hand, hydrogen-free diamond-like carbon coatings demonstrate low coefficient of
friction values (<0.1) under both low and high humidity conditions [57].

Diamond-like carbon coatings can significantly improve wear resistance of
metallic biomaterials. For example, Affatato et al. performed an in vitro inves-
tigation of femoral heads coated with diamond-like carbon [48]. In their study,
diamond-like carbon was coated on a titanium alloy (Ti6Al4V) head using chem-
ical vapor deposition. They found that wear of the polyethylene-diamond-like car-
bon coated Ti6Al4V couple was comparable to that of the polyethylene-alumina
couple. Similar results have been reported by other groups for diamond-like car-
bon coated cobalt-chromium-molybdenum alloy-polyethylene and diamond-like
carbon-coated stainless steel-polyethylene devices [58, 59]. However, there is some
controversy in the reported results. For example, Sheeja et al. indicated there
was only a slight difference in wear rates between cobalt-chromium-molybdenum
alloy-ultra high molecular weight polyethylene and multilayered diamond-like
carbon-coated cobalt-chromium-molybdenum alloy-ultra high molecular weight
polyethylene wear couples [60].

The major problem associated with diamond-like carbon coatings on metal sur-
faces is poor adhesion, which is related to compressive stress in the film and poor
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chemical bonding between the film and the substrate [61, 62]. The internal compres-
sive stress within diamond-like carbon coatings can be as high as 10 GPa, which lim-
its the coating thickness in range 100–200 μm. To reduce film stress and increase
film thickness, diamond-like carbon-metal composite coatings have been utilized.
Diamond-like carbon-metal composite coatings, including diamond-like carbon-
silver composite coatings and diamond-like carbon-titanium composite coatings,
maintain hardness and wear properties similar to those of unalloyed diamond-like
carbon films. In addition, they exhibit excellent adhesion to medical alloy substrates
[63, 64].

6.5 Summary

The wear properties of biomedical materials play a major role in determining the
overall success of medical prostheses and other implantable medical devices. Adhe-
sive wear, abrasive wear, fatigue wear and corrosive wear play a key role in degra-
dation of medical devices and prostheses. Several factors determine the relationship
between the in vitro properties of the component materials and the in vivo wear
performance of the medical device or prosthesis. Significant improvements in the
wear properties of biomedical materials may be achieved through intensive exam-
ination of material-, device-, surgical-, and patient-specific parameters that deter-
mine in vivo wear behavior. Minimization of wear in biomedical materials may
only be achieved through effective interaction among clinicians, biotribologists, and
biologists.
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Chapter 7
Inflammation, Carcinogenicity
and Hypersensitivity

Patrick Doherty

7.1 Introduction

Biomaterials, be they metal or polymer, ceramic or glass or some combination of
all of these, when placed inside the human body are not normally rejected. The
term rejection in this context generally refers to an adverse immunological response
analogous to that seen when patients reject an organ transplant. For the most part,
non-biological materials when placed in contact with human tissue, either upon or
beneath the skin are well tolerated and may become “accepted” by the body. In these
circumstances, if the implant is then able to effectively carry out its function for the
required period of time, it may be described as expressing biocompatibility.

However, every implant material, no matter how “biocompatible,” stimulates a
response by the tissues of the body. This response may be such that the recipient
(the patient) is unaware of any problem and the implant effectively carries out its
function. Or the response may be so severe that the patient’s life is compromised.
When placed subcutaneously within the body a biomaterial will induce an inflam-
matory response. This is the opening gambit in the body’s defense mechanism and
the commencement of the wound healing response.

How our body responds to a wound, and the surgical implantation of a medical
device such as vascular prosthesis or a hip joint replacement clearly produces a
wound, is well understood. How the presence of a biomaterial modifies that response
is somewhat less well defined.

7.2 Granulation Tissue

Granulation tissue defines inflammation during wound healing. Once healing has
initiated following injury, granulation tissue will be initiated at the site within a
few days. It is characterized by specific cell and tissue activities which can be
highlighted using microscopic histological evaluation. Histologists and pathologists
have over many years developed staining techniques which can be applied to very
thin sections of tissue and permit an accurate examination of the tissue. Four sig-
nificant components have been identified. (1) Active macrophage cells: these cells
are employed in phagocytosis. Phagocytic cells act as mini-vacuum cleaners and
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clear up tissue debris. (2) Neutrophil activity: these cells are also employed in a
phagocytic role, specifically in the removal of bacterial and other foreign proteins.
(3) Angiogenesis: this describes the formation of new blood capillaries infiltrating
the site of injury. A new blood supply will provide and effective access route for
the wound healing cells and nutrition for the regenerating tissue. (4) Fibroblast cell
activity: these cells are employed in the production and deposition of new connec-
tive tissue [1, 2].

Wound healing in the absence of an implant, following a clean surgical inci-
sion and effective suturing where the wound edges are brought into apposition, will
progress with minimal loss of tissue and minimal scar tissue formation. Wound
healing in the presence of an implanted biomaterial will lead to a modification of
this progression and the extent of this modification will be determined by factors
related to the implant and the site of implantation. These factors will include the
size and shape of the biomaterial device, the chemical nature of the material and
the physical form of the implant. In particular the nature of the biomaterial surface
will influence the inflammatory response and the new tissue development. Factors
such as porosity and surface topography have been demonstrated to influence sig-
nificantly this response. A material may be selected for implantation because of its
stable, non-reactive nature; nevertheless its presence will fundamentally disrupt the
formation of connective tissue, alter the network of new blood capillaries (angiogen-
esis) and may stimulate an enhanced phagocytic cell activity leading to continued
inflammation.

7.3 Foreign Body Response

“The foreign body reaction is neither a single event nor a simple process, but a
broad concept and multi-factorial phenomenon” [3]. This definition, true of almost
every event associated with the inflammatory response, identifies the foreign body
response as a part of the body’s initial defense mechanism against any invading
agent from bacteria to biomaterial. This may be a relatively short term response
or part of a long-lasting or chronic reaction. It may stimulate a specific (anti-
body related) or a non-specific immune response. In simple terms the foreign body
response may be considered as that part of the inflammatory process which is acti-
vated by the presence of a foreign agent, e.g., bacterial, biomaterial, and will con-
tinue to be active until the foreign agent is removed. A foreign body reaction will
involve the components of granulation tissue, phagocytic cells such as neutrophils
and macrophages and will further see the introduction of another cell type. That is
the formation of giant cells or multi-nucleated cells. The foreign body giant cell is
by definition a large cells, up to 100 μm in diameter (Fig. 7.1). It is formed when
a foreign agent stimulates a phagocytic activity which cannot be effectively com-
pleted by the cell. This may be due to the large size of the agent (a very realistic
factor when considering phagocytic cell activity in contact with biomaterials) or
to some chemical effect of the foreign agent which inhibits the phagocytic process.
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Fig. 7.1 Foreign body giant cell. An implanted material will always stimulate a foreign body
response. A sustained macrophage activity in the presence of a degrading or corroding implant
material may result in the formation of foreign body giant or multinucleated giant cells. The image
above details a giant cell formed in response to a bacterial toxin. (Image from Public Health Image
Library)

The outcome is the formation of large, multi-nucleated cells. The nature of the agent
which stimulates the response will effectively determine the nature of the response,
the activity of the cells at the site and for what length of time the response will
remain active. For example, a simple wound with no infection or implant present
may heal with very little evidence of a foreign body response. The attendance of
invading bacteria and therefore foreign protein, will stimulate an increase in granu-
lation and phagocytic activity. The presence of an implanted biomaterial will further
modify this response. This may lead to a process termed “frustrated phagocytosis”
where the phagocytic cell is unable to encapsulate the stimulating material. It has
been postulated that this is the trigger for the development of foreign body giant
cells in contact with implanted biomaterials [4].

7.4 Repair

Repair and remodeling of new tissue is the final stage in the wound healing response
and, if the injury is slight, will lead to the regeneration of normal tissue and a return
to the “status quo.” However if the injury is more severe, and this is the more com-
mon scenario, the process will lead to the generation of normal tissue and also scar
tissue. Scar tissue can be defined as tissue that is the result of wound healing. It is
composed of fibers of collagen and will often lead to a restricted elasticity of the
tissue concerned. Most importantly, scar tissue generally is less able to carry out the
function of the tissue it is replacing. The extent of scar tissue formation is highly
dependent on the severity of the initial injury. In the presence of an implanted bio-
material it may take the form of fibrosis or fibrous encapsulation where the active
fibroblast cells lay down protein (collagen) which is physically wrapped around the
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implant device, thus sealing it from the rest of the tissue. This encapsulating tissue
will be primarily composed of fibroblast cells and collagen. In an ideal scenario
the implanted material will then be ignored by the body, subsequent wound heal-
ing will continue uninterrupted and the implanted device will function effectively.
However, local and systemic factors may be involved in the progression of the tis-
sue response in these circumstances [2]. Local factors will include the physical and
chemical nature of the implant material, the nature of the local blood supply and the
effects of any invading micro-organisms. Systemic factors will include the health of
the patient and the effect of the release of any leachable or degrading or corroding
products from the implant itself.

7.5 Acute and Chronic Inflammation

An acute inflammation is usually a short, highly active period which persists for a
limited time and is resolved within a few days. It is characterized by the action of
the neutrophils, the first cells to be recruited to the damaged site, and other white
blood cells. The rapid recruitment of neutrophils to the site of injury will result
in effective phagocytosis of micro-organisms and any other foreign materials. The
acute inflammation is further characterized by the accumulation of plasma proteins
at the injured site, leading to swelling (edema). These plasma proteins are in fluid
phase and this leads to a build up and retention of fluid at the site. The subsequent
swelling can result in perceived pain for the patient. Recruitment of neutrophils is
triggered by chemical signals (chemotactic factors) which stimulate only those cells
which have the means to recognize these factors to move towards the site. This trig-
gering process relies on the action of cell surface proteins or receptors. Interactions
between chemical signals (generally protein) and cell surface receptors (protein) are
highly specific and a cell will only be stimulated or activated if it carries the receptor
to a specific signal. In this way neutrophils are activated to pass through the blood
vessel wall following appropriate stimulation and migrate towards the source of
the chemotactic agent. There are a very large number of proteins which have been
identified as having chemotactic properties at inflammatory sites and we are only
beginning to understand the mode of action and relevance of a small proportion of
these.

The phagocytic potential of the recruited neutrophil is then enhanced by a pro-
cess know as opsonization. This is a process by which the body identifies the mate-
rials/agents to be phagocytozed by coating or labeling them with specific proteins
(opsonins). Opsonins occur naturally in blood plasma and have receptors which
are recognized by the neutrophils. The most significant opsonins (i.e., those factors
which have been most researched and are best understood) are immunoglobulin
G (IgG) and a complement related protein fragment termed activated C3 (C3b)
[5]. These proteins have been shown to attach to foreign material at the site of
injury (usually they attach to bacterial proteins but they have been shown to attach
to implanted materials) and enhance the subsequent attachment and activation of
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neutrophils and macrophages leading to phagocytosis. In normal circumstances this
would lead to effective removal of the foreign agent from the site. However, when
an implant is present, it is highly likely that the phagocytic cell will be unable to
engulf and remove the phagocytic stimulus. As stated previously, this may lead to
“frustrated phagocytosis” during which the enzyme contents of the phagocytic cell
are released, further phagocytic cell recruitment is stimulated and foreign body giant
cells may arise.

A biomaterial which is effectively sealed within a fibrous capsule may permit
the acute inflammatory phase to progress to completion as would be expected in a
wound healing environment. However a biomaterial which is degrading or corrod-
ing or in some other way disturbing the surrounding tissue may stimulate a chronic
inflammatory response. The presence of the macrophage is probably the most sig-
nificant factor in any chronic inflammatory response associated with implanted bio-
materials. The macrophage is a large phagocytic white blood cell, derived from the
monocyte. The monocyte migrates from the blood to the site of stimulus (injury)
where it is changed or transformed. The macrophage is present in most tissues and
has a scavaging role in the body. When activated at the site of an implanted bio-
material it plays a highly significant role in the inflammatory response (Fig. 7.2).
The chronic response is characterized by the presence of large numbers of different
cells types at the site of injury or implantation. These cells can include all or any of
the following; monocytes, macrophages, lymphocytes, fibroblasts, endothelial cells,
foreign body giant cells. There is also likely to be a highly vascularized connective
tissue mass. A chronic inflammatory response to implanted materials is generally
highly localized around the tissue-material interface and is usually of fairly short
duration (2–3 weeks). However, persistent chronic inflammation has been demon-
strated with a number of implant materials and devices. It is likely that an inflam-

Fig. 7.2 Macrophage activity. This response is indicative of an aggressive tissue reaction to an
adverse stimulus. There are numerous macrophages present. The image details the histopathologic
changes detected in a lung biopsy tissue. Necrotic changes are indicated by the breakdown of the
alveolar walls resulting in pulmonary edema. (Image from Public Health Image Library)
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Fig. 7.3 Chronic inflammation. The image details a fibrotic granulation tissue which is indicative
of a chronic inflammatory response. The area details a mass of inflammatory cells stimulated as a
result of a pulmonary infection. (Image from Public Health Image Library)

matory response which persists for long time periods (months to years) may also be
associated with an infection which is implant related [2].

Characterizing a chronic inflammation to an implanted material is notoriously
difficult. There will be a mixed cell population and possibly evidence of cell necrosis
(cell death). Necrosis may be stimulated by a over-activated inflammation or may
be due to the presence of a cytotoxic biomaterial (Fig. 7.3).

7.6 Infection

Infection occurs in up to 10% of patients who have received an implanted medical
device [6]. Nosocomial infection rates, i.e., hospital acquired infection, can be very
much higher and pose a serious risk to patients who have received implants. Such
infections are extremely resistant to antibiotic therapies. Infections which become
problematic shortly after implant surgery are often acquired during the surgical pro-
cedure or within the hospital environment. These infections will massively exacer-
bate the inflammatory process and may contribute to early failure and removal of the
medical device. This is not only disadvantageous for the patient but very costly for
the health care provider and a significant contributing factor to the huge problems
associated with nosocomial infection. However, it is also true that the very presence
of the implant may be a contributing factor to the virulence of the micro-organism,
i.e., the ability of the organism to exert a toxic effect on the body. The implant may
provide a convenient means of transport for the invading organism, carrying it to
tissues normally inaccessible, where it is more likely to become pathogenic. The
presence of the device may inhibit the natural defense mechanisms of the body and
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compromise the functioning of the immune system. Increasingly there is concern
that the physical presence of the implant may provide a substrate upon which a
resistant, pathogenic biofilm may flourish.

7.7 Local and Systemic Responses

It is not uncommon to read in the medical device or materials literature of references
to “inert” biomaterials. These references are generally alluding to the older gener-
ation of implant materials, i.e., stainless steel, polyethylene, which were selected
because it was considered that they would have no interaction with or effect upon
the tissues with which they came into contact. Notwithstanding the success these
and other biomaterials have had as surgical implants, we are now aware that these
materials are not inert. Indeed they not only stimulate a response that may well
have adverse consequences for the interfacing tissues, but with time the biolog-
ical environment will have a deleterious effect on the materials themselves. It is
now accepted that no material placed within the body is inert; indeed such an effect
would be contrary to the purpose of the majority of implanted medical devices. Most
materials used in implant surgery today are designed to have an active role when in
contact with tissue and will in due time stimulate a tissue response. In most cases
this response will be a simple modification of the normal wound healing process
the body will undergo following any traumatic injury. As indicated previously, the
nature of the modification will be determined by factors which are related not only
to the chemical nature of the implant (e.g., metal, polymer, ceramic), but also to the
size and shape of the implant, the surface topography, the porosity, the wettability
of the material surface and the propensity for the material to degrade or corrode in
the biological environment.

The nature of any systemic response associated with an implant is more difficult
to determine than the local response. In most cases the local response is immediate
and by definition located at the site of the implantation. A systemic response may
arise months or years following implantation and may be manifest at a site distant
from the original implant. Many of the concerns surrounding systemic toxicity are
linked with the potential for carcinogenic or mutagenic changes or the ability for the
implant material to stimulate a hypersensitive response.

7.8 Soft and Hard Tissue Responses

The presence of an implant may provide an on-going stimulus to inflammation. This
may be as a result of interaction of the implant with the soft tissues or through the
production of leachable or degradation products from the implant. We may assume
that an implant material which is stable and does not produce leachable compo-
nents will not have a significant effect on the wound healing process other than to
provide a physical barrier and a substrate for the deposition of protein and the devel-
opment of a collagenous capsule (Fig. 7.4). In this situation the implant material is
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Fig. 7.4 Fibrous capsule. The image details a fibrous tissue which has formed in response to an
implanted biomaterial. The biomaterial, in particulate form, was placed within a muscle pocket in
an experimental animal (rat). The tissue section shown was prepared after an implantation period of
4 weeks. In many studies using such implantation techniques, the thickness of the fibrous capsule
has been used as a “measure” of the biocompatibility of the materials

effectively sealed off from the body and plays no other active role. If the implant can
maintain its function then it may remain successfully within the body indefinitely.
If the implant material continues to stimulate a response, i.e., by the production of
leachable components or corrosion/degradation products, then the fibrous encap-
sulation may be enhanced. A greater level of material interaction will stimulate a
greater cellular activity and consequently a progressively thicker fibrous capsule. In
early animal studies the thickness of this capsule was often equated to the “biocom-
patibility” of the implant material. The thicker the capsule the more irritating and
therefore less “biocompatible” was the biomaterial considered. However, an aggres-
sive implant material may never allow the tissue response to stabilize. Continued
stimulus from the implant will lead to a persistent and chronic inflammation. This
inflammatory environment will mean a more active and aggressive cellular response
thus further stimulating greater and greater degradation.

Implantation of a biomaterial into bone tissue will stimulate a wound heal-
ing response analogous to that encountered following fracture or other hard tissue
injury. This follows a well recognized developmental pattern, involving an initial
wound healing inflammation, bone remodeling and bone maturation. The success
of a biomaterial implanted into bone may be determined by its ability to permit
this process to occur and itself to become integrated into the healing process, lead-
ing to a stable fixation of the implant at the hard tissue site. The search for new
and better endosseous implants focuses primarily on the development of materi-
als which demonstrate osteogenesis, i.e., materials which actively participate in
and/or stimulate the production of new bone tissue during the healing phase and
are actively incorporated within this new tissue. There is a huge number of factors
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which may influence this process. However, in simplistic terms, biomaterials have
been attributed with the properties of contact osteogenesis (bone formation occurs
directly in contact with the implant surface and “grows” out towards the surrounding
bone) and distance osteogenesis (the surrounding bone is the focus of osteogenesis
which may be stimulated by the presence of the implant). However contact and dis-
tance osteogenesis are generally identified by microscopic “snapshot” evaluation of
recovered tissue/material interfaces, and have become convenient descriptive terms
and may not be accurate descriptions of what is occurring during a complex healing
process. Roberts [7] has postulated a hard tissue healing timetable based on a rat
dental implant study. In agreement with most studies on hard tissue wound heal-
ing, the process is categorized into four stages. It is worth noting that these are not
distinctly different processes and the wound healing process in both soft and hard
tissue healing is a fluid, dynamic process.

The four stages are (1) development of a woven callous, by 6 weeks, (2) lamellar
compaction by 18 weeks, (3) interface remodeling by 18 weeks and (4) development
of mature compact bone by 54 weeks. The initial inflammatory phase may be con-
sidered completed by the 6-week stage and it is during this period that the presence
of an implanted material will have the most significant effect on the long-term fate
of the bone-biomaterial interface.

7.9 Blood–Material Interactions

When blood contacts a surface that is not the endothelial lining of blood ves-
sels it undergoes a complex series of interdependent reactions which may lead to
platelet activation and adhesion, coagulation and the formation of thrombosis. These
mechanisms have evolved as part of a sophisticated defense process designed to
limit blood loss following injury and facilitate the wound healing process. Unfor-
tunately the introduction of artificial materials into the body via surgical interven-
tion leads to the contact of blood with the biomaterial substrate, with inevitable
adverse consequences. These interactions primarily involve the biomaterial sub-
strate, platelets, clotting proteins and the eventual breakdown of the resultant clot or
thrombosis by the fibrinolytic process [8]. The body has evolved a number of mech-
anisms for dealing with thrombus formation once it has been initiated. Therefore,
although all biomaterials in contact with blood will stimulate an adverse response,
a number of materials can be tolerated and will function effectively. These mecha-
nisms include, the physical/mechanical action of flowing blood to prevent the build
up of thrombosis and naturally occurring inhibitors of coagulation to inactivate
thrombin. Platelets, coagulation and blood vessel cell lining (endothelial) systems
interact to promote local hemostasis, but prevent generalized blood clotting and
thrombosis [8]. Determination of the hemocompatibility of biomaterials is complex
because these factors are not effective during in vitro evaluation of biomaterials.
Yet it is by using in vitro testing methods that researchers and manufacturers gar-
ner most of the biological information. And these are the methods used to pass
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judgment on the potential for an implant material to function effectively within
a blood contacting environment or on its likelihood to lead to adverse or possi-
ble fatal biological consequences. The relative merits of cell culture (in vitro) and
animal testing (in vivo) is an ongoing argument in biomaterial evaluation. Many
researchers will argue that the test environment encountered within the in vitro
test is so far removed from the clinical experience as to be meaningless and pro-
duce misleading data. Notwithstanding the moral/ethical arguments associated with
the use of animals in biomaterial testing, many others will argue that in vivo or
animal studies can only be interpreted effectively if we have already garnered the
fundamentals of the cell-material interactions using cell culture. The argument is
particularly focused in blood-biomaterial interactions where blood cells and blood
components introduced to the in vitro environment have already been exposed to
adverse conditions before ever meeting the material or device under consideration.
But it remains an argument that rages without effective resolution in all areas of the
biological evaluation of implant materials and the determination of what is termed
biocompatibility.

7.10 Biocompatibility

The term biocompatibility is often associated with cell culture testing of biomateri-
als. In many cases simple in vitro test methods are employed with a potential bioma-
terial as the test sample. If a positive result is obtained, i.e., the cells remain viable,
then the material is labeled “biocompatible.” If the cells die or are significantly
adversely affected, the material is labeled “non-biocompatible.” This is a serious
misuse of the term biocompatibility and a misuse of the in vitro test. Biocompat-
ibility is not the result of a single event or phenomenon. It refers to a collection
of processes involving different but independent mechanisms of reaction between
a material and its host tissue. Biocompatibility refers to the ability of a material to
perform a function. The ability to perform and to continue to perform this function
depends not only on its interaction with tissue but also on the intrinsic mechanical
and physical properties of the material. The definition of biocompatibility refers to
appropriate host response [9]:

The ability of a material to perform with appropriate host response in a specific application.

It does not stipulate that there should be no response. This may be a minimal
response or indeed a more aggressive response. The definition refers to specific
application. Biocompatibility should always be described with reference to the sit-
uation in which a material or device will be used. No material should be described
as “biocompatible” without further qualification. Biocompatibility is therefore not
an intrinsic property of any material [10]. The majority of in vitro tests employed
in biomaterial evaluation measure cytotoxicity. However lack of toxicity cannot be
equated with biocompatibility. Cell culture assays are not biocompatibility assays.
The safety evaluation of medical devices is generally based on in vivo testing which
evaluates acute and chronic toxicity and inflammation, irritation and sensitivity,
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carcinogenicity and mutagenicity, allergic responses, hemocompatibility and sys-
temic toxicity. It is not possible to assess all of these factors using in vitro assays;
however, test models have now become established which permit the in vitro evalua-
tion of acute toxicity, genotoxicity [11], hemocompatibility [12], necrotic cell death
and apoptosis [13].

The introduction and development of in vitro testing has raised many concerns
with respect to reproducibility and proper regulatory control. The establishment of
new in vitro assays requires three steps, development, validation and acceptance.
Acceptance of in vitro assays involves satisfying the regulatory bodies, the manu-
facturers and the users. At present there are few, if any, properly validated in vitro
tests [14].

International standard ISO 10993 part 5 [15] was developed as the result of a
harmonization of various existing standard procedures and the outcome reports of
working groups. The standard acknowledges the widespread use of in vitro cytotox-
icity testing and defines a scheme for testing which will allow the user to identify
the most appropriate test procedures. These tests specify the incubation of cultures
of mammalian cells with the medical device or component part of the device (i.e.,
the direct test method), or with an extract derived from the device (i.e., the indirect
test method). Information is provided on appropriate test sample preparation for the
direct testing and in some detail the most appropriate means of producing extracts
for indirect testing is presented. The standard provides details on a number of rec-
ommended established cell lines, although these are not exclusive. The standard
further provides details on how cytotoxicity may be most appropriately determined.
This evaluation is categorized as follows:

1. Assessment of cell damage by morphological means
2. Measurements of cell damage
3. Measurements of cell growth
4. Measurement of specific aspects of cell metabolism

It is noted that evaluation may be by qualitative or quantitative means. It should
also be noted that the standard does not present a single in vitro method for cyto-
toxicity evaluation, but allows the user to select an appropriate range of tests. Fur-
thermore, at no point does the standard use the term biocompatibility in connection
with this type of test. Another important aspect of the standard is the reference
made to negative and positive control materials that should be employed in all test
systems.

Replacement of animal testing is not the objective of in vitro assays and an appro-
priate use of both in vitro and in vivo is the most sensible approach to biomaterial
evaluation. Simple in vitro assays can provide screening information and play a sig-
nificant role in the early phase of investigation. Subsequent studies should employ
more specific in vitro models alongside animal studies. This level of testing should
include the use of human cell lines.

The test procedures identified in ISO 10993 part 5 are designed to evaluate cyto-
toxicity. The primary goal of such tests is to determine safety. As such these can



212 P. Doherty

be considered screening tests for use in the development and research of novel
materials and for the quality control of medical devices (both component parts
and final products). Even at this simple level of testing relevant information can
be garnered with respect to the final use of the test material. However the user must
be careful to appreciate the simplicity of such testing. For example, it is prudent
that any cytotoxicity evaluation should employ more than one cell line and where
appropriate and possible should make use of human primary cell lines. Even sim-
ple screening tests can benefit from some level of quantification where this can be
sensibly applied. Although ISO 10993 does make reference to the use of subjective,
semi-quantitative grading systems, these will rarely produce any meaningful data
and do not easily allow for the comparison of data between different laboratories
or indeed different users. Qualitative assessment of cell morphological changes by
an appropriately trained individual remains a more meaningful technique. How-
ever quantification using measurements of cell metabolic functions is readily
employed and can provide accurate and reproducible data easily transferred between
researchers. These includes cell-counting procedures, both manual and automatic
[16], assessment of DNA levels [17] or the determination of cell activity by MTT
assay [18].

7.11 Carcinogenicity

The potential for biomaterials or their degradation products to induce the growth of
malignant cells is an area of increasing concern as we strive to develop and manufac-
ture materials which will spend longer and longer times in contact with the tissues of
the human body. Sarcomas associated with implant materials have been cited in the
literature following procedures with a number of animal models (almost always rats
and mice). However, biomaterial induced sarcomas are rare in humans. In experi-
mental animals there has been evidence produced of the carcinogenicity of a wide
range of implanted materials (polymers and metals) generally when presented with
smooth surfaces. Some metallic powders have also been implicated when placed in
contact with connective tissues. In contrast there is little evidence of carcinogenic-
ity with polymeric powders or with the metals primarily used in orthopedic surgery.
ISO 10993 part 3 [19] describes carcinogenicity testing as the means to determine
the tumorigenicity potential of devices, materials and/or extracts to either a single or
multiple exposures over a period of the total lifespan of the test animal. As the ani-
mal is generally a rodent and the maximum experimental time is around 12 months,
there remains considerable concern as to how relevant such a procedure may be
in identifying potential problems with materials which may be implanted within
human tissues for periods in excess of 30 or 40 years. The standard further states
that although any implant remaining within the body in excess of 30 days should
be considered to have long-term or permanent contact, it is only necessary to con-
duct carcinogenicity testing if there is evidence from other sources which suggest a
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problem. Consequently, few implant materials have been subjected to animal testing
which is specifically designed to identify carcinogenic potential.

Most carcinogenicity concerns are associated with the physical presence of the
biomaterial in direct contact with the tissue. There are a number of factors which
may influence the potential for such an implant to trigger an adverse response.
Most significant of these appears to be the size, shape and surface finish of the
implant material. A highly polished, smooth surface has been most significantly
associated with tumors, particularly in the animal model. Indeed materials lose
their carcinogenic potential if the smooth nature of the substrate is disrupted.
This is often referred to as the “Oppenheimer effect,” a reference to the research
group who identified this phenomenon in a large animal study. However, there
are also concerns that chemicals which leach from implanted materials, either
by design or otherwise, may stimulate a toxicity that has an adverse effect on
the genetic material of the host cells. We can perhaps take some comfort in the
fact that there is now a large population of patients who have been recipients
to long term implantations (joint replacements, breast prostheses, etc.) with lit-
tle evidence that carcinogenicity is a problem. Nevertheless, carcinogenicity con-
cerns are real and it is incumbent upon the biomaterials community to research
and develop test methods which will effectively highlight potentially carcinogenic
materials.

7.12 Hypersensitivity

Sensitization or hypersensitivity reactions to biomaterials are usually associated
with a prolonged or repeated contact with a chemical substance, normally a sub-
stance which leaches from the biomaterial and stimulates the body’s immune sys-
tem. The majority of such biomaterial induced reactions have been associated with
skin contacting devices; however, increasingly concerns are being expressed over
the potential for implanted materials to stimulate both the cell mediated and anti-
body mediated immune responses. Degradation products from biomaterials which
act as antigens within the body are known as allergens and may stimulate an exag-
gerated immune response which will lead to damaging effects on the host. Metal
hypersensitivity is well established in areas outside implantation; however corro-
sion of metal implants and the formation of metal ion-protein complexes may medi-
ate metal hypersensitivity following implantation. The most significant chemical
allergens associated with biomaterials and the degradation products of biomaterials
are low molecular weight entities, i.e., metal ions. They are referred to as haptens
and only become allergens when complexed with another biological molecule. It
is important therefore that appropriate means of assessing the potential allergenic-
ity of an implant material are employed before materials can be considered for
long-term implantation. At present there is no effective means of predicting the
potential for an implanted material or leachable chemical to generate an allergic
effect.
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Chapter 8
Protein Interactions at Material Surfaces

Janice L. McKenzie and Thomas J. Webster

8.1 Introduction

It is important to note that while this chapter will emphasize protein interactions
essential for mediating cell functions on implants, the same fundamental princi-
ples apply for any application in which proteins interact with surfaces. Appli-
cations in which a firm understanding of protein–surface interactions are needed
include biomaterials, tissue engineering materials, implants, bioseparations, biosen-
sors, biochips, food science, and aquatics (to only name a few).

Specifically for biomaterials, the first event that occurs when an implant is placed
in the body is that water molecules adhere to the surface (in different ways for
different surfaces) followed by the formation of a layer of proteins from bodily
fluids. Next, cells of the body explore the adsorbed proteins and may subsequently
attach to specific binding sites exposed in these proteins (Fig. 8.1). The types of cells
that recognize the adsorbed proteins and attach to the implant surface both initially
and chronically determine the fate of the implant. Will the implant successfully
integrate into the juxtaposed tissues or will the body wall it off to exclude it from
interacting as much as possible?

Properties of the implant surface control these initial water–surface interactions
which subsequently regulate which proteins will adsorb, how many proteins will
adsorb, and what their conformations will be once they adsorb. For these rea-
sons, it is important to design biomaterials with surfaces that optimize select pro-
tein adsorption for controlling desirable cell responses pertinent to specific implant
functionality.

8.2 Protein Properties

Proteins are an amazing component of biological systems. Though not “alive” like
cells, they are macromolecules that perform many actions essential to life such as
catalysis and the controlled transport of charged or neutral macromolecules across
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Fig. 8.1 Schematic of the events following implantation of a biomaterial. First, water molecules
adhere to the surface followed by protein interactions which influence final cell adhesion [1]

cell membranes. In addition to enzymatic activity and cell membrane transport, pro-
teins such as hemoglobin can transport iron through the blood stream and regulate
metabolic activity. Actin and myosin are examples of proteins that are contractile
and function in muscular movement. Proteins such as collagen provide structure to
our organs and casein functions to store proteins for later use. In addition to control-
ling activities directly associated with cell and organism homeostasis (or regulations
of health), proteins are the integral components that determine the fate of biomateri-
als deigned for diverse applications such as drug delivery, neural stimulation, bone
ingrowth, etc.

8.2.1 Structure

When considering protein interactions with surfaces, of first importance are their
constituent amino acids (or their primary structure). Amino acids are the building
blocks of proteins. The sequence of these amino acids and the subsequent folding of
the chain of amino acids dictate the nature of the final three-dimensional structure
that proteins will assume. The chemical nature of the amino acids that compose
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a protein and their associated quantities contribute to the ultimate hydrophobic-
ity or hydrophilicity of the protein. (Hydrophilicity can be thought of as water-
loving and hydrophobicity as water-hating.) Proteins have both hydrophobicity and
hydrophilicity sections but the percentage of each varies from protein to protein. The
following sections elaborate on protein structure due to its importance in mediating
cell responses on implants.

8.2.1.1 Primary Structure

Proteins can be thought of as polymers, only most polymers are composed of very
few monomers and proteins can be composed of 20 or more monomers. The nature
of the protein molecule is determined ultimately by the order of the amino acids
along the protein backbone once they have been condensed into a polypeptide. The
structure of the amino acids can be viewed in Fig. 8.2. The primary sequence of
amino acids will ultimately dictate hydrogen bonding and the final folding structure
of the protein.

Each amino acid is composed of a carboxyl group (—COO)̄ attached to a hydro-
genated carbon atom (CH). This carbon atom is also bonded to a side group (—R)
and an amino group (—NH3

+). The R group can be nonpolar (hydrophobic) or polar
(uncharged, acidic, or basic). R groups that only contain carbon and hydrogen atoms
can be referred to as aliphatic unless they have a special ring structure which then
classifies them as aromatic. The amino and carboxyl groups of two amino acids
form a covalent peptide bond which links the amino acids in the primary sequence
of the protein together.

DNA sequencing, Edman degradation and mass spectroscopy (MS) techniques
allow for the decoding of the primary sequence of a protein. All of these techniques
involve cleaving proteins and comparing the fragments, often in iterations to deter-
mine the order of the amino acids. Now computer databases have been created that
have polypeptide sequences already defined which makes amino acid sequencing
easier when amino acids are unsequenced. Table 8.1 displays the frequency at which
each amino acid is present in different proteins which ultimately influences their
molecular weights. The diversity in amino acid properties and the primary structure
of proteins plays a large part in their interactions to surfaces.

8.2.1.2 Secondary Structure

The basic amino acid arrangement in proteins determines the secondary structure of
the protein through electrostatic hydrogen bonding to other sections of the protein.
The carbonyl and amide groups of each amino acid form hydrogen bonds with water
molecules in the solution or with amide or carbonyl groups of other amino acids
in the protein backbone. This hydrogen bonding usually leads to the formation of
characteristic α-helix or β-sheet structures. The α-helix contains 3.6 amino acids
per turn and, at 0.15 nm per residue, is 0.54 nm per turn. The hydrogen bonds in
the α-helical are oriented parallel to the helical axis. Bond properties such as length
establish the amount, rotation, and flexibility of the amino acids to form secondary
structures.
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The β-sheet structure of proteins was first theorized in the early 1950s by Linus
Pauling who won a Nobel Prize for the discovery of the α-helix structure. In the β-
sheet form of the secondary protein structure, each backbone zigzags up and down
like a pleated sheet of paper and forms hydrogen bonds with an adjacent string
of amino acids that is in a matching zigzag or pleated form. Each amino acid is
in one plane, so it takes two amino acids to form the up and down “V-shaped”
structure of each pleat that then repeats to make the β-sheet pleats. The β-sheets

Aliphatic as well as conformationally important amino acids,
glycine and proline

Amino acids with aromatic side chains

Fig. 8.2 Ball and stick representations of atoms and bonds that show the 20 amino acid structures.
White balls represent hydrogen; gray, carbon; lighter gray, oxygen; light, light gray, nitrogen; and
lightest gray, sulfur atoms [2]
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Basic amino acids

Acidic and polar amino acids

Fig. 8.2 (continued)

can be arranged in either parallel or antiparallel chains. In antiparallel and parallel
β-sheets, the distance between chains is 0.325 and 0.347 nm, respectively [3].
Glycine and proline are structurally important amino acids as glycine is the most
flexible and is often found at sharp turns in the protein backbone. Proline, on the
other hand, is the least flexible amino acid and therefore restricts bending through
its rigidity.

X-ray crystallographic analysis can be used to determine levels of protein struc-
ture above primary. This method uses X-rays to expose electron densities in a dry
protein crystal, thereby revealing structural information. Nuclear magnetic reso-
nance (NMR) measures distances between the nuclei of atoms by magnetically
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Table 8.1 Amino acid presence in all proteins

Amino acid Molecular weight (Da) Occurrence in proteins (%)

Alanine 71.1 9.0
Arginine 156.2 4.7
Asparagine 114.1 4.4
Aspartate 115.1 5.5
Cysteine 103.1 2.8
Glutamate 128.1 3.9
Glutamine 129.1 6.2
Glycine 57.1 7.5
Histidine 137.2 2.1
Isoleucine 113.2 4.6
Leucine 113.2 7.5
Lysine 128.2 7.0
Methionine 131.2 1.7
Phenylalanine 147.2 3.5
Proline 97.1 4.6
Serine 87.1 7.1
Threonine 101.1 6.0
Tryptophan 186.2 1.1
Tyrosine 163.2 3.5
Valine 99.1 6.9

Source: [3].

stimulating isotopes. Proteins can be in solution for NMR, but both techniques
require primary sequence knowledge. These techniques entail mathematical tech-
niques to determine structure. Circular dichroism (CD) is a technique which mea-
sures polarized light differences which show structural asymmetry. Infrared (IR) and
Raman spectroscopy are vibrational techniques to determine chemical bond energies
which aid in analyzing protein secondary structure.

8.2.1.3 Tertiary Structure

The folding of secondary protein structures results in tertiary structure. Noncova-
lent interactions (Fig. 8.3) largely characterize tertiary protein folding. Hydrophobic
interactions exclude water from the interior of globular proteins and are entropically
driven. Van der Waals interactions between higher and lower electron densities in
hydrophobic residues stabilize the structure. Just as the primary structure dictates the
secondary structure, it also impacts tertiary structure. When proteins form α-helices
and β-sheets, the type of side chains influence the tertiary structure. α-helices often
have hydrophilic residues on one side of the helix and hydrophobic residues on the
other side. These aliphatic helices are then well-suited to a globular protein for-
mation with the hydrophilic amino acids on the outside of the protein (facing the
aqueous medium) and the hydrophobic groups on the interior of the protein (facing
each other). It is important, though, to note that this is a generalization as a mixture
of hydrophobic/hydrophilic sections exist on the exterior of proteins. Antiparallel
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Fig. 8.3 Schematic of potential hydrogen bonding, ionic bonding, hydrophobic and van der Waals
interactions between two protein surfaces for secondary (2º), tertiary (3º), and quaternary (4º)
structures [4]

β-sheets are usually aliphatic, while parallel β-sheets have hydrophobic chains on
both sides and are usually buried on the inside of a globular protein. Hydrophobic
interactions involve the nonpolar and aromatic residues: leucine, proline, alanine,
valine, methionine, phenylalanine, tryptophan, and isoleucine.

In addition to hydrophobic interactions, other bonds contribute to tertiary protein
structures. Two cysteine residues can form a covalent disulfide bond through their
sulfur atoms. Hydrogen bonds between polar amino acid residues (such as the alco-
hols: serine, threonine, and tyrosine and the amides: asparagine and glutamine) par-
ticipate in tertiary folding. Likewise, ionic bonds can form between charged residues
(such as the acids: aspartic acid and glutamic acid or bases: lysine, histidine, and
arginine). Protein folding into tertiary shapes is a highly ordered process and can
happen spontaneously, but is very difficult to model due to the many folding path-
ways possible [5].

8.2.1.4 Quaternary Structure

Lastly, the association of monomer subunits into one oligomer structure constitutes
quaternary structure. Figure 8.4 displays the four levels of protein structure. There
are a few biological predispositions to quaternary protein structure. Shorter polypep-
tide strands allow for the likelihood of less error than longer strands, so the forma-
tion of single polypeptides into monomer units which are then associated with other
monomers into oligomers is more logical than the formation of an oligomer from
just one polypeptide strand. Additionally, the amount of DNA needed to form one
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(a) Primary structure (b) Secondary structure

(d) Quaternary structure

α belix

β sheet

(c) Tertiary structure

–Ala–Glu–Val–Thr–Asp–Pro–Gly–

Fig. 8.4a–d Schematics of (a) primary, (b) secondary, (c) tertiary, and (d) quaternary protein
structures [6]

monomer that will be repeated is less than if the whole oligomer had to be sequenced
at one time.

Sometimes the active sites of enzymes are located on adjacent monomers, thus,
requiring the interaction of two monomer units to perform catalytic activity on a
single substrate. Not only can catalytic activity involve more than one monomer,
but this is true for ligand binding as well. When a protein binds to a ligand,
its affinity for binding to other ligands, even with its other monomers, may be
reduced.

Finally, the surface area to volume ratio is reduced when monomers combine
into an oligomer which is energetically favorable. However, the formation of the
oligomer results in an entropy loss as the degrees of freedom decrease. This energy
loss must be countered with favorable bonding. All of the bond types for tertiary
structure are also utilized in quaternary structure. Disulfide bonds are particularly
important in quaternary structure to link some monomers together. For example,
the extracellular matrix protein, fibronectin, is a dimer with the monomers linked
together by a disulfide bond. Insulin has six monomers and hemoglobin has four as
originally determined by X-ray diffraction.



8 Protein Interactions at Material Surfaces 223

8.2.2 Isoelectric Point and Solubility

Due to their aforementioned structures, most proteins are either in globular or
fibrous form. Generally, globular proteins are soluble in aqueous solutions and
fibrous proteins are not. Globular proteins have a hydrophobic core and present
hydrophilic amino acids on their outer surfaces which are in contact with the sur-
rounding aqueous media. Fibrous proteins are usually components of tissues that
need structural support such as bones and teeth. They also provide mechanical sup-
port at the cellular level and are the structural components of the extracellular matrix
that quiescent cells interact with and use for stabilization [7].

Moreover, the large degree of structures proteins may assume provide for unique
properties, such as isoelectric points. Proteins have isoelectric points due to charges
associated with their amino acid residues. The isoelectric point of a protein is the
point where it is uncharged in solution. Since protein molecules would cease to
repel each other at this point, the isoelectric point is the least soluble pH value
for a particular protein. Uncharged solutes owe their solubility to polar interactions
or hydrogen bonding. The solubility of proteins in solution is the point at which
equilibrium arises between crystals of the protein and dissolved proteins in solution.
The solubility of a protein takes a few days to measure as aliquots are taken until
the protein concentration in solution stabilizes [8].

8.2.3 Hydrophobic Composition

Due to the importance of amino acids in determining protein properties, several
terms have been developed to describe further the properties of amino acids. For
example, hydropathy is the hydrophilic or hydrophobic nature present in each amino
acid. In Table 8.2, the hydropathies of various amino acids are listed. The more pos-
itive the value in Table 8.2, the more hydrophobic an amino acid is while the more
negative the hydropathy, the more hydrophilic an amino acid is. The hydropathy is
represented as the free energy of the transfer of an amino acid to water thermody-
namically from a lipid bilayer [6].

8.3 Material Surface Properties

Of course, as mentioned, one of the most important aspects of protein structure for
numerous biological device applications is how it changes upon interactions with
surfaces. The properties of a material at its surface, especially chemistry, roughness,
and energy are what elicits water molecule layers to adhere and subsequently medi-
ate the adsorption of different types of proteins. Surfaces in an aqueous environment
elicit the adsorption of ordered water layers at the interface with bulk water [9–11].
These water layers are capable of excluding solutes and can be up to 100 μm thick
with some hydrophilic surfaces [12]. Clearly, the nature of the surface influences
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Table 8.2 Hydropathy of amino acid residues

Amino acid Hydropathy (KJ mol–1)

Highly hydrophobic
Isoleucine 3.1
Phenylalanine 2.5
Valine 2.3
Leucine 2.2
Methionine 1.1

Less hydrophobic
Tryptophan 1.5
Alanine 1.0
Glycine 0.7
Cysteine 0.2
Tyrosine 0.1
Proline –0.3
Threonine –0.8
Serine –1.1

Highly hydrophilic
Histidine –1.7
Glutamate –2.6
Asparagine –2.7
Glutamine –2.9
Aspartate –3.0
Lysine –4.6
Arginine –7.5

Source: [6].

the water interface and subsequent protein adhesion. Differences in the monolayer
of proteins adsorbed to material surfaces are based on such properties as surface
roughness, energy, and chemistry as will be expanded in the next sections. The
atomic structure and bonding interactions can vary considerably even within a mate-
rial that appears to have the same chemical composition. An example of this is when
considering grain size variations which are related to the overall surface roughness.
Increased surface roughness can also serve to promote surface energy, thus many
surface properties are intertwined and changing one will change others. Lastly, the
energy at the surface of a material controls its wettability which many consider to
be the most important aspect to promote cell adhesion.

8.3.1 Surface Topography

Until recently, the size of the features on the surface of a biomaterial was not consid-
ered to be an important design feature to control protein interactions. However, one
important example of how topography can influence protein interactions involves
nanomaterials. Materials with micron sized features and up (such as those com-
monly used in current implants) have significantly different material properties than
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Fig. 8.5 AFM micrographs comparing micronscale surface features with nanoscale surface on
titania implants

those with nanoscale features (Fig. 8.5). In fact, the National Science Foundation’s
definition for nanomaterials states that they not only have smaller constituent sizes
(such as grains, particles, fibers, etc.), but also have significantly altered proper-
ties compared to conventional materials. Conventional materials have more atoms
in bulk and less at the surface, while the reverse is true for nanophase materials.
Nanomaterials also have increased defect sites at their surfaces (the highly reactive
regions of materials) and therefore greater opportunities for binding to proteins such
as enzymes. This gives nanophase materials increased catalytic activity [13] which
can be very economical for numerous enzymatic processes.

Other enhanced properties of nanomaterials include superior optical, mechan-
ical, and electrical properties [14]. An example of mechanical property changes
when transforming from conventional to nanometer grain sizes is that the smaller
grain sizes present in nanophase ceramics slide over one another more easily than
in a conventional material; this makes nanophase ceramics less brittle and more
ductile when compared to conventional ceramics [15]. But it is now also clear that
the unique, biologically-inspired surface roughness of nanomaterials promotes pro-
tein interactions important to increase the regeneration of bone, cartilage, vascular,
bladder, and nervous system tissues. Nanomaterials are biologically-inspired mate-
rials since tissues in our bodies have nanoscale constituent dimensions due to the
presence of proteins and hydroxyapatite (as in the case for bone).

Specifically, interactions of two proteins (fibronectin and vitronectin) are signif-
icantly enhanced on nanophase compared to conventional materials. Studies have
shown that the unique surface energetics present due to nanoscale surface features
optimally adsorbs more vitronectin and fibronectin, and once these proteins adsorb,
they expose their amino acid sequences (like arginine, glycine, and aspartate; RGD)
to a greater extent to promote cell adhesion. Moreover, since proteins are nanoscale
entities, investigators are currently matching surface features of nanoscale bioma-
terials to protruding regions of proteins important for cell functions. In this light,
nanometer surface features may have a bright future in controlling protein interac-
tions for a number of tissue engineering applications.
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Methods such as gas adsorption, atomic force microscopy (AFM), and scanning
electron microscopy (SEM) can be used to assess the surface area, roughness, and
porosity of implants. Gas adsorption uses an adsorbent gas such as nitrogen to create
a monolayer and then the surface area is calculated since it is dependent on the
volume of the adsorbent gas and the cross-sectional area of its molecules. AFM
uses a nanoscale tip to scan the morphology of a surface. The tip can also be used to
measure force interactions with the surface. In SEM, a surface is interrogated with
an electron beam and the resultant secondary or back-scattered electrons provide
information about surface topography and composition.

8.3.2 Surface Energy

Another property that influences protein interactions is surface energy. For example,
some studies have shown that neutral, and hydrophilic surfaces, tend to manipulate
fibronectin conformation to have more RGD binding sites available to cells than
charged and hydrophobic surfaces. This trend also holds true for subsequent cell
binding interactions. The hydrophilic and neutral surfaces obtain the best cell bind-
ing interactions followed by charged and then hydrophobic surfaces [16, 17].

Contact angle analysis can be used to calculate the surface energy of a sample.
Since proteins are charged molecules, a surface that is also charged will influence
their interactions. By this method, a drop of liquid (often water) is placed on a
surface and the angle (θ) made at the liquid, solid, and vapor (air) interface can be
measured. As in Fig. 8.6 on the left, if the angle is small, then the surface is wettable,
or more hydrophilic. On the other hand, as shown on the right of Fig. 8.6, the angle
can be quite large indicating a more hydrophobic surface. In general, if the angle
is greater than 90º, then the surface is considered hydrophobic. The surface energy
(γsv) can be calculated as the interfacial tension between the solid and the water drop
(γsl) added to the liquid and vapor surface tension (γlv) multiplied by the cosine of
θ (or the angle created between the liquid and solid interface):

γsv = γsl + γlv cos θ (8.1)

Fig. 8.6 A schematic of contact angle differences on a hydrophilic and hydrophobic surface. θ is
the contact angle
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Zeta potential is a measure of the charge that forms between the surface and the
liquid medium. This potential occurs at the shear plane between the liquid and the
surface. Zeta potential (ζ) can be approximated by using the streaming potential
(Us) method in which an electrolyte solution flows past the surface in a channel (L
is channel length; A is channel area; R is channel resistance) creating a potential
(Fig. 8.7). In (8.2), ΔP is the pressure difference across the channel, μ is the fluid
viscosity, ε is the permittivity of the solution, and ε0 is the permittivity of free space:

ζ = Us

ΔP
∗ μ

εε0
∗ L

A
∗ 1

R
(8.2)

An understanding of the surface energy available will aid in determining resultant
protein interactions.

8.3.3 Surface Chemistry

Surface chemistry is very important for physiological interactions with biomateri-
als and is closely related to surface energy. It encompasses the type of molecules
that reside on the surface of the material as well as their bonding and potentials.

Electric Double Layer at Rest 
Counter ions

Surface charge

Liquid forced over surface 

Fluid flow

Fluid flow

Ion accumulation causes potential difference 

Fig. 8.7 A schematic of the streaming potential used in zeta potential analysis. A surface is shown
with its charge and counter ions. When liquid is flowed over the surface, the counter ions accu-
mulate at the end of the channel in the direction of flow creating a potential difference across the
channel [18]
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As mentioned, cells respond differently to materials of various chemistries which is
a direct result of the various protein interactions that occur on materials of altered
chemistries. For example, cell migration rates vary on materials of different surface
chemistries [19]. Surface chemistry not only influences the amount and types of pro-
teins that adsorb from body fluids, but also affects the conformation of the adsorbed
proteins [20–22]. Protein adsorption (fibronectin, fibrinogen, albumin, and others)
is much different on materials of altered chemistry and surface energy. All of these
factors play vital roles in resultant cell interactions and functions. For example,
self-assembled monolayers and microcontact printing are commonly used methods
to control surface chemistry for subsequent cellular interactions.

While it is often desirable to promote select protein adsorption for controlling
cell adhesion, resisting protein adsorption is important for some applications (such
as biosensors) as protein adsorption may interfere with biomolecule exchange nec-
essary for device function. Some materials (such as thiolated dextran) have surface
chemistries that are quite protein resistant when tested with proteins such as bovine
serum albumin (BSA) [23].

Electron spectroscopy for chemical analysis (ESCA, also referred to as X-ray
photoelectron spectroscopy, XPS), auger electron spectroscopy (AES), and MS are
some of the methods that can be used to ascertain surface chemistry. XPS detects
excited electrons by X-rays that were photoemitted from atoms. AES is similar to
XPS, but the sample is excited with an electron beam and the energies determined
from secondary electrons, or Auger electrons. Secondary ion MS (SIMS) uses ions
to bombard a surface and the surface ions are then emitted and detected to reveal
surface chemistry information.

8.4 Protein Adsorption on Surfaces

No matter what specific properties a surface has, most implantable surfaces will
adsorb proteins very quickly (in milliseconds) in a monolayer. This layer of proteins
that adsorbs to the surface is considered to be generally irreversible. As mentioned,
proteins can have different conformations when adsorbing to a surface, such that
cell binding sites on the protein can be presented or obscured. Proteins can bind to
surfaces with the same types of noncovalent bonding that characterize higher protein
structure. Hydrophobic, van der Waals, polar and ionic interactions are all possible
[1, 24].

Not only does the type of surface dictate how many proteins will adsorb, and in
what conformation they will adsorb, but also what type of protein will adsorb from
the numerous possibilities in our blood plasma. As previously mentioned, proteins
have various sequences that cells use to adhere. The type of proteins that adsorb
does influence the extent of cell adhesion [25–27]. Enzyme linked immunosorbance
assays are useful to determine relative amounts of specific proteins that adsorb on
different materials. For example, several studies have suggested that a material with
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nanoscale features will adsorb greater amounts of vitronectin (a protein important
for cell adhesion) than a conventional material.

8.4.1 Kinetics and Thermodynamics

The reason why understanding protein adsorption is so important is that a protein
layer can usually be detected within minutes after exposure of a biomaterial surface
to a protein solution, and the rate of protein adsorption often levels off after around
1 h [28]. The Langmuir adsorption isotherm for a gas can be used to approximate
protein adsorption to a surface. This isotherm models a monolayer as is observed
with protein adsorption and includes the assumptions of reversible adsorption with
no conformational change or molecular interactions [24]. The Langmuir isotherm
is simplified and doesn’t account for many of the interactions that occur between
a surface and proteins. Certainly, there are more accurate, complex mathematical
models that have been developed to understand protein adsorption to surfaces [29].
But in all cases, protein isotherm curves can be recorded by quantifying protein
adsorption vs time as in Fig. 8.8.

Surface plasmon resonance (SPR), ellipsometry, and labeling with radioisotopes
are methods used to measure protein adsorption kinetics [1]. SPR is an optical tech-
nique that measures changes in the refractive index due to protein adsorption. Ellip-
sometry measures the polarization of the incident and reflected beams from the sur-
face. Labeling proteins with radioisotopes and then quantifying the radioactivity
over time is another method, but the labeling itself may alter the protein adsorption
kinetics. AFM, CD, IR and Raman methods can also be used to determine protein
adsorption kinetics.

The adsorption of proteins to hydrophobic surfaces is driven by entropy whereas
the adsorption to hydrophilic surfaces is driven by enthalpy. The former is irre-
versible to the extent of allowing protein denaturation, but the latter is reversible
[24].

Fig. 8.8 Example of a
protein isotherm graph
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8.4.2 Density

When assessing the cytocompatibility of surfaces for cell interactions, it is useful
to quantify the amount of protein adsorption. While there are a number of methods
to determine specific adsorbed protein types and conformations, only a few exist
to examine the total quantity of proteins which adsorb to surfaces. Differences in
total protein adsorption on various surfaces may explain cell adhesion numbers and
cell morphology. To accomplish this, proteins can be desorbed from surfaces by
a surfactant, sodium dodecyl sulfate (SDS), which works by disrupting hydropho-
bic interactions between proteins and surfaces. This enables the determination of
total protein quantity in resulting supernatant solutions with the bicinchoninic acid
(BCA) protein assay. This assay works on the premise that when proteins are con-
tained in an alkaline medium (OH-), they reduce copper ions (Cu+2 → Cu+1). When
BCA is introduced to Cu+1, the solution turns purple. By this simple method, quanti-
ties of proteins can be detected by assessing the absorbance of the protein-containing
solution at a wavelength of 562 nm on a spectrophotometer. Protein concentrations
can be determined by running protein standards (like albumin) at different concen-
trations during the same assay time that experimental samples are run. Again, such
information can prove valuable to determine protein adsorption density and subse-
quent relationships to cell functions.

8.4.3 Conformation

Another manner in which proteins interact with surfaces that will manipulate cell
adhesion is conformation. Proteins undergo a conformational change once adsorbed
to the surface of a biomaterial. This conformational change may expose cellular
binding sites (Figs. 8.1 and 8.9.). Fibronectin and vitronectin have RGD binding
sites which facilitate cellular binding to these proteins via cell membrane inte-
grins. Other proteins, such as laminin which contains binding sequences of tyrosine,
isoleucine, glycine, serine, and arginine (YIGSR) and isoleucine, lysine, valine, ala-
nine, and valine (IKVAV) are also important mediators of cell adhesion.

Fig. 8.9 A schematic of protein molecules adhering to a biomaterial surface. Notice that adsorbed
proteins can vary in type, concentration, and conformation. Cell adhesion sites are represented by
black dots and are more available to the cell for adhesion when facing away from the surface
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It is difficult to assess the conformation of proteins adsorbed to surfaces. AFM
techniques can help to elucidate the conformation of proteins bound to a surface.
For example, AFM was useful to determine the orientation of β-amyloids (a pep-
tide implicated in pathogenic plaques of Alzheimer’s disease) which correlated to
the crystallographic direction of graphite. This interaction was assumed to be driven
by hydrophobic forces [30]. Additionally, proteins such as fibronectin can be flu-
orescently labeled with fluorescent molecules to aid in determining its conforma-
tion. One molecule can then excite the other molecule with an emission wavelength
and frequency resonance energy transfer (FRET) can then provide information con-
cerning how close the two fluorescent molecules are and therefore reveal protein
conformation information.

8.4.4 Extracellular Matrix Proteins

While soluble proteins mediate cell adhesion once adsorbed to material surfaces,
extracellular matrix (ECM) proteins play additional roles. These include archi-
tecture, mechanical stability, compartmentalization, selective filtration, insulation,
defense, nutrition, heat regulation, water equilibrium, and communication. Like sol-
uble proteins, ECMs also influence cell adhesion, proliferation, migration, differ-
entiation, gene expression, morphogenesis, and apoptosis. The size of most ECM
proteins are in the nanoscale range as they are all less than 100 nm in size [31, 32].

Collagens are the main component of the ECM. There are about 20 collagens
of which all are composed of three helical polypeptides. Other important glyco-
proteins include fibronectin, laminin, and tenascin which all provide vital guidance
functions in embryonic tissue development. Proteoglycans are also glycoproteins,
but are much larger complexes that consist of a protein backbone associated with
glycosaminolycans (GAG). Some common GAGs include hyaluronic acid, der-
matan sulfate, chondroitin 6-sulfate, keratin sulfate, heparin sulfate, and heparin.
GAGs are usually sulfated and are the most negatively charged molecules synthe-
sized in the body [33]. These negative ions attract cations such as sodium which
causes the ECM to be highly hydrated. Glycoproteins consist of functional domains
which can bind with cells, other glycoproteins, or other molecules such as growth
factors.

ECM proteins are found in the connective tissue and the basal lamina. These
matrices are found in bones and around muscular, fat, vascular and neural tissue
[33, 34]. Laminin is a key component of these matrices and without this glyco-
protein, nascent ECM formation isn’t possible [35]. Figure 8.10 shows the ini-
tial laminin matrix assembly. ECM proteins are composed and secreted by cells,
however, soluble proteins (such as fibronectin) can be converted by cells from its
soluble disc shape to a linear, antiparallel ECM fiber upon adsorption to a bio-
material surface [36]. Vitronectin is responsible for most of the cell adhesion
events associated with tissue culture serum [36]. It is for these reasons that, when



232 J.L. McKenzie and T.J. Webster

Fig. 8.10 Schematic representations of laminin molecules forming a matrix [35]

discussing protein interactions with surfaces, both soluble and insoluble versions are
important.

8.4.5 Cell Adhesive Amino Acid Sequences

Since proteins adsorb to surfaces much faster than cells can adhere, the type and
number of proteins that adsorb to the implant surface can control the type of cells
that attach to it and how strongly they adhere. Additionally, the conformation of the
adsorbed proteins also controls the type and number of cell attachment sites due to
the accessibility of binding sites. These binding sites are amino acid sequences that
can be recognized by receptors on the cell membranes known as integrins. Inte-
grins span the cell membrane and usually consist of both an α and a β subunit
(Fig. 8.11). Examples of common proteins that can adsorb to biomaterials and con-
trol cell adhesion are vitronectin, fibronectin, laminin, and collagen.

Cells can have several different types of adhesive interactions with implants
mediated by proteins. These include: focal adhesions, close contacts, and extracel-
lular matrix contacts (fibrillar adhesions). The strongest of these is focal adhesion.
Focal adhesions have close contact with the surface at a distance of only 10–20 nm.
Close contacts often surround focal adhesions, but have a larger gap distance on
the order of 30–50 nm. Extracellular matrix contacts are long range adhesions with
distances of greater than 100 nm between the cell and surface.

Focal adhesions involve, for example, RGD binding sites and heparin binding
domains in proteins such as fibronectin. Heparan sulfate proteoglycans link to both
the cell and fibronectin and the cell also attaches to the RGD in fibronectin directly
with an integrin [38]. Biomaterial surface chemistry and energy play a large role in
focal adhesions on surfaces coated with fibronectin. Previous studies have shown
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Fig. 8.11 Schematic showing integrin connections to a matrix protein binding sequence or other
receptor [37]

that neutral and polar surfaces produce more favorable focal adhesion results than
hydrophobic or charged surfaces when all were coated with the same concentration
of fibronectin [17].

When a spherical cell adheres to a surface, it begins to spread out on the sur-
face. Sessile cells are dependent on their attachment to a substratum for growth,
proliferation, and survival. The attachments that cells have to the extracellular pro-
teins act as mechanosensors, so the cells can mechanically communicate with their
environment [39]. Cells organize the proteins they interact with through mechanical
interactions [33]. An indication of a cell interacting well with an implanted material
is how quickly and completely it spreads on the surface from the spherical form
it assumed in aqueous media. The morphology of the spread cell can also provide
evidence of how compatible it is with the material. For example, in the case of an
osteoblast (bone forming cell), the more spread the cell is into its typical cobble-
stone morphology, the more likely it is to begin producing new bone.
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8.5 Nanoscale Biomaterials

When considering materials for implantation, the reaction of the body to the implant
requires careful evaluation. The mechanical properties must also be appropriate to
match those of the surrounding material and withstand the normal forces to which
the tissue is subjected. One must also consider how the material will withstand
chronic implantation. The physiological reaction to the material over time must be
considered as well as the way the material itself may degrade. Clearly, though, due
to the aforementioned concepts on protein-mediated cell adhesion, one of the most
important design considerations for successful implants is the material surface.

Since proteins have nanoscale dimensions, and cells of the body are accustomed
to interacting with this size range, nanomaterials are a logical choice for biomate-
rial design. For example, in Fig. 8.12 a scanning electron micrograph of the base-
ment membrane from the cornea of a monkey is presented [40]. The average fiber
and pore diameters in this membrane are approximately 70 nm. Naturally, cells at
this location are accustomed to interacting with ECM proteins that are nanoscale in
dimension. Pore sizes and surface features affect protein adsorption [41] and there-
fore cell responses to a material. Studies have shown that nanoscale materials have
enhanced properties for cellular interactions such as increased grain boundaries (or

Fig. 8.12 Scanning electron micrograph of the basement membrane from the cornea of a Macaque
monkey (Bar is 1 μm) [40]
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defect sites at the surface) to facilitate optimal protein binding for cell interactions.
This is in stark contrast to what is being implanted today, which are materials smooth
at the nanoscale.

Quantifying adherent cells, proliferated cells and subsequent cellular functions
(such as specific protein production indicative of ECM synthesis) are ways to assess
the cytocompatibility of a new biomaterial formulation in the lab. Microscopy and
spectroscopy are often used to assess the morphology, viability and functions of cells
in contact with novel biomaterials. In vivo (animal) evaluation of new materials is
also imperative.

ECMs complete with molecules (such as GAGs) form biological composites.
Based on this physiological model, using composite materials that combine mechan-
ical and chemical properties of two or more materials in order to mimic the natural
tissue properties as closely as possible, are particularly attractive to design medi-
cal implants that will interface well with physiological tissues. For example, car-
bon fibers represent a very promising reinforcement material to polymer compos-
ites while exhibiting promising biological responses [42, 43]. Carbon nanofiber and
polyurethane composites contribute promising novel materials for areas as diverse
as neural and orthopedic implant applications [43–45]. Most importantly, when
these fibers are made to mimic the dimensions of collagen, scar tissue formation
is reduced and tissue regeneration is enhanced.

Clearly, looking at the interactions between biomaterial surfaces and proteins that
elucidate appropriate cell responses gives us unprecedented control over biological
responses. In this way, adverse tissue reactions can be reduced (such as foreign
body encapsulation and biofilm formation by bacteria) while implant functionality,
longevity, and tissue response can be enhanced.

8.6 Conclusions

Proteins are amazing components of biological systems with diverse and important
functionalities. They are stable and resilient, yet have intricate and sometimes fragile
architectures at the nanoscale. The interactions between cells and their surrounding
ECM is complex and yet essential for understanding how to design biomaterials
that will form optimal interfaces with tissues. Since proteins adsorb to a surface
upon exposure to biological fluids within milliseconds, insights into the interac-
tions between specific proteins and specific surfaces is a current research focus.
Surfaces can be designed to interact optimally with cell adhesive proteins. Using
surfaces with nanofeatures not only mimics the physiological size of the natural
ECM, but can also enhance properties such as energy without altering chemistry.
Clearly, through this understanding, we are on the threshold of formulating bioma-
terials that will perform better than those developed only 5 years ago. Undoubtedly,
the next generation of biomaterials will be designed by considering the biological
interactions down to the nanoscale.
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Chapter 9
Sterility and Infection

Showan N. Nazhat, Anne M. Young, and Jonathan Pratten

9.1 Sterilization

Biomaterials implanted into the body need to be sterile in order to avoid infections
which can lead to illness and even mortality. Sterility can be defined as the absence
of all living organisms, particularly microorganisms. Indeed, the presence of one
bacterium would render a medical device non-sterile. Nearly one-third of implant
related infections can be prevented by strictly following established infection control
guidelines, but in a period of healthcare cost reductions this is increasingly difficult
to sustain.

The sterility assurance level (SAL) minimum, that the probability of a given
implant will remain non-sterile after exposure to a given sterilization process, is
one in a million implants. Therefore, in order to ensure sterility, a number of phys-
ical and chemical sterilization methods are employed. These are discussed below
and summarized in Table 9.1. Additionally, the operating theatre area in which the
surgical procedure is to be carried out must also be considered. Under aseptic con-
ditions, 5,000–50,000 skin particles are delivered daily from each physician’s flora
in intensive care units and pathogenic bacteria such as Staphylococcus aureus can
be recovered from about 90% of “clean” wounds at the time of closure [37].

9.1.1 Steam Autoclaves

Moist heat, in the form of pressurized steam, is the most dependable medium for the
destruction of all forms of microbial life. Steam sterilizers (autoclaves) are instru-
ments that produce superheated steam under high pressure, and are used for both
decontamination and sterilization. However, they must be properly used to be effec-
tive. The effectiveness of steam autoclaving depends upon various loading factors
that influence the temperature to which the material is subjected and the contact
time. Particular attention must be given to packaging, including the size of contain-
ers and their distribution in the autoclave. Material to be sterilized must come in
contact with steam and heat and hence the prevention of entrapment of air is criti-
cal to achieving sterility. Containers must have good steam permeability and must
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be arranged in the autoclave in a manner that promotes free steam circulation. For
example, tight-fitting containers do not permit steam penetration, and thus are not
acceptable for use in autoclaves. Stacking containers above one another and over-
loading an autoclave can also result in poor performance. A chemical indicator (e.g.
autoclave tape) must be used with each load placed in the autoclave. The use of
autoclave tape alone however is not an adequate monitor of efficiency. Autoclave
sterility monitoring should be conducted regularly using an appropriate biological
indicator such as Bacillus stearothermophilus spore strips. The spores, which can
survive 121 ◦C for 5 min, but are killed at 121 ◦C in 13 min, are more resistant to
heat than most, thereby providing an adequate safety margin when validating decon-
tamination and sterilization procedures.

9.1.2 Dry Heat

Dry heat is less efficient than wet heat and requires longer times and/or higher tem-
peratures to achieve sterilization. It is suitable for the destruction of viable organ-
isms on impermeable non-organic surfaces such as glass, but it is not reliable in
the presence of shallow layers of organic or inorganic materials which may act as
insulation. Sterilization of glassware by dry heat can usually be accomplished at
160–170 ◦C for 2–4 h. Dry heat sterilizers should be monitored on a regular basis
using appropriate biological indicators as discussed above.

9.1.3 Radiation

Gamma and electron-beam irradiation are among the most popular and well estab-
lished processes for sterilizing polymer-based medical devices. It has long been
known, however, that these techniques can lead to significant alterations in the
materials being treated. High-energy radiation produces ionization and excitation
in polymer molecules. These energy-rich species undergo dissociation, abstraction,
and addition reactions in a sequence leading to chemical stability. Gamma radia-
tion is a penetrating sterilant. Generally no area of a product, its components, or
packaging is left with uncertain sterility after such treatment. Even high-density
products, such as pre-filled syringes, can be readily processed and used with confi-
dence. Gamma radiation kills microorganisms by attacking their DNA. Both direct
and indirect mechanisms are instrumental in the disruption of DNA bonds, which
results in the prevention of cellular division and, consequently, propagation.

9.1.4 Ethylene Oxide

Among the sterilization technologies currently available to the medical device
industry, 100% ethylene oxide (EtO) gas remains one of the most popular. Ethylene
oxide is a chemical gas with alkylating effects. This kills microorganisms by
destruction of proteins and nucleic acids. Important parameters for sterilization with
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ethylene oxide are the gas concentration, humidity and temperature. As a conse-
quence of the low temperatures during the process, sterilization with EtO is suit-
able for heat-labile instruments such as endoscopes with sensitive optics, medical
utensils or implants. The major problem associated with EtO sterilization arises
from difficulties in measuring and controlling the critical physical parameters for
the sterilization process. In addition, ethylene oxide is an explosive and toxic gas,
and a long degassing period is required after completion of the sterilization pro-
cess. International standards recommend control with biological indicators for each
sterilization cycle due to these elements of uncertainty.

9.1.5 New Technologies

Several new technologies are emerging that have the potential for sterilizing med-
ical devices. These include gaseous chlorine dioxide, low-temperature gas plasma,
gaseous ozone and vapor-phase hydrogen peroxide which are being developed as
potential alternatives to ethylene oxide. Additionally, machine-generated X-rays are
being investigated as a substitute to gamma radiation as they have having similar
penetrating power but with the advantage of a non-isotopic source.

9.2 Biomaterials Associated Infections

All biomaterials are prone to infection [4, 5]. The source, and the type of infecting
organism as well as the duration of infection depends on the biomaterial being used
as well as the time of application which varies from site to site within the body.
These are one of the leading causes of nosocomial infections (infections that are
acquired while a patient is in a hospital) and primary septicemia (infections of the
bloodstream), which result in an adverse affect on the quality of life of the patient,
culminating in extended stays in hospitals, and therefore incurring major consump-
tion of health care resources [9].

Once in the body, biomaterials can be in contact with a number of fluids such
as blood, urine saliva, urine fluid, tear fluid and tissue fluid, depending on the site
of usage. These fluids act as sources of proteins such as fibronectin and fibrinogen,
which make up a conditioning film coating the surface of biomaterials and act as
receptors to bacterial attachment. The physico-chemical properties of biomaterials’
surfaces and their interaction with the bacterial cell play a major role in the adhesion
process [2]. Bacterial organisms have the ability to adhere to all types of materials
that are made of polymers, glasses, ceramics and metals. Table 9.2 gives the types
of implants particularly prone to infection.

9.2.1 Biofilms

Intact host defense systems usually eliminate transient bacterial contamination or
colonization, unless the number of organisms exceed threshold levels, host defenses
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Table 9.2 Annual frequency of implantable devices usage in USA and rate of infection [4, 5, 19,
12, 16]

Biomaterials/implant/ Estimated number used
medical device annually in USA Rate of infection

Bladder catheters 30,000,000 10–30%
Central venous catheters 5,000,000 3–10%
Fracture fixation devices 2,000,000 5–10%
Dental implants 1,000,000 5–10%
Prosthetic hip/knee joint 600,000 1–3%
Vascular grafts 450,000 1%
Cardiac pacemakers 300,000 1–7%
Mammary implants 130,000 1–2%
Prosthetic heart valves 85,000 1–2%
Penile implants 15,000 1–3%
Heart assisted devices 700 25–50%

are impaired, tissue surfaces are traumatized, or a foreign body is present [37]. Bac-
terial adhesion is the first and most important step in implant infection. At 50 nm,
reversible, low specificity (e.g. van der Waals’) forces are important before short
range forces (e.g. hydrogen bonds) create a stronger bond. Additionally, hydropho-
bic molecules as well as pili and fimbria predispose to bacterial adhesion. Binding
of bacteria is governed by factors such as: atomic structure, electronic state, dipole-
to-dipole forces, oxidation state and the biomaterial’s individual properties such as
topography, trace chemicals, and ionic and glycoprotein sequences.

Once adhered, the organisms will usually form a biofilm. Biofilms are matrix-
encased communities which are specialized for surface persistence. This community
of microorganisms becomes irreversibly attached to a surface and exhibits distinc-
tive phenotypic properties [18]. The presence of biofilms was first demonstrated
in the airways of patients with cystic fibrosis, helping to explain the chronic lung
infections in this population. There has since been a growing realization that similar
biofilms are a factor in almost every aspect of health care. Indeed, biofilms account
for over 65% of human bacterial infections [33] and are a major contributing factor
to the difficulty of treating infections associated with implanted devices. Examples
include infections of the oral soft tissues, teeth and dental implants, gastrointestinal
tract, lung tissue, urinary tract prostheses, indwelling catheters, cardiac implants
such as pacemakers, prosthetic heart valves, sutures and tracheal and ventilator
tubing.

Contact with a solid surface triggers the expression of a panel of bacterial
enzymes, which catalyze the formation of sticky polysaccharides that promote bac-
terial colonization and protection. Bacteria express new, and sometimes more vir-
ulent phenotypes when growing within a biofilm. The microorganisms tend to be
far more resistant to antimicrobial agents and it becomes particularly difficult for
the host immune system to render an appropriate response [42]. With the advent of
non-destructive methods for studying organisms in their living, hydrated state (e.g.
confocal laser scanning microscopy) it has been shown that biofilms develop not as
a uniform layer of cells, as electron microscopy of (dehydrated) biofilms may show,
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Fig. 9.1 Three dimensional confocal
laser scanning micrograph
reconstruction of a mixed-species
biofilm growing on hydroxyapatite
based on a series of xy projections.
Within the structure, stacks and
water channels are visible. These can
function as a primitive circulation
system, a characteristic of the
structure of organisms growing in
this phenotype. Image is 1 mm ×
1 mm

but as discrete stacks of cells separated by channels (Fig. 9.1). Molecular techniques
have now identified genes which are up- and down-regulated both between biofilm
grown organisms and those grown in suspension, and within different regions of the
biofilm. This has important implications in assessing the behavior of organisms in
terms of virulence, susceptibility and response to host defense mechanisms. Addi-
tionally, the realization that population-dependent gene regulation (quorum sensing)
occurs within biofilms has revised the concept that bacteria function autonomously.

The formation of biofilms on medical devices presents three major problems.
First, bacterial communities on these surfaces represent a reservoir of bacteria that
can be shed into the body, leading to a chronic infection. Second, biofilm bacte-
ria are highly resistant to treatment with antibiotics; therefore, once these bacte-
rial communities form, they are extremely difficult to eliminate with conventional
antimicrobial therapies. Finally, because host responses and antimicrobial therapies
are often unable to eliminate bacteria growing in a biofilm, a chronic inflamma-
tory response at the site of the biofilm may be produced. The host responses are
continually primed by planktonic organisms shed by the biofilm, but insufficient to
eradicate the infection. This host response produces a chronic inflammation at the
site of the biofilm and may account for tissue damage, separate from that produced
by bacteria directly. A non-shedding surface on a medical device encourages the
establishment of biofilms.

9.2.2 Types of Medical Related Biofilms

Although a wide range of bacteria and fungi have been shown to be responsible
for infections, most infections are actually caused by a small number of species.
Staphylococci (predominantly coagulase-negative strains) are considered to be the
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Fig. 9.2 Scanning electron
micrograph of a single
species, Staphylococcus
epidermidis, biofilm growing
on the surface of a titanium
implant. Bar = 20 μm

most frequent cause, being responsible for more than half of all infections [22],
while streptococci and a collection of Gram-negative organisms account (in approx-
imately equal proportions) for most of the remaining infections. Of the Gram-
negative organisms Escherichia coli, Klebsiella pneumoniae, Proteus mirabilis and
Pseudomonas aeruginosa are the most commonly isolated [17]. These organisms
may originate from the skin of patients or health-care workers, tap water to which
entry points are exposed, or other sources in the environment. Biofilms may be com-
posed of single- (Fig. 9.2) or multi-species depending on the device and its duration
of use in the patient. However there are cases, for example, in urinary catheters,
where biofilms are initially composed of single-species but longer exposure leads
to a multi-species infection. The microbiological profile of biomaterials associated
infections, however, is determined by the type and location of use.

9.2.3 Infections Associated with Implantable Devices

9.2.3.1 Central Venus Catheters

One of the most frequently used biomaterial devices is the central venous catheter
(CVC). This is used in situations as varied as the administration of blood products,
gastroenterology (to deliver fluids and nutrients) and oncology (to administer cyto-
toxic drugs). Infection can occur at any time during the use of the catheter, which
can last for several months. Microorganisms, most of which are staphylococci, Kleb-
siella spp. and Candida albicans [4, 5] are able to enter both from the inside and
outside of the catheter.
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9.2.3.2 Urinary Catheters

Urinary catheters are tubular latex or silicone devices, which when inserted may
readily acquire biofilms on the inner or outer surfaces. The organisms commonly
contaminating these devices and developing biofilms are S. epidermidis, Enterococ-
cus faecalis, E. coli, Proteus mirabilis, P. aeruginosa, K. pneumoniae, and other
Gram-negative organisms. The longer the urinary catheter remains in place, the
greater the tendency of these organisms to develop biofilms and result in urinary
tract infections. For example, 10–50% of patients undergoing short-term urinary
catheterization become infected (7 days) whereas virtually all patients undergoing
long-term catheterization (>28 days) become infected. Organism/bacteria adhesion
to catheter materials is dependent on the hydrophobicity of both the organisms and
the surfaces [10]. Catheters display both hydrophobic and hydrophilic regions and
thus allow colonization of the widest variety of organisms. Divalent cations (cal-
cium and magnesium) and increase in urinary pH and ionic strength all result in an
increase in bacterial attachment. Certain component organisms of these biofilms
produce urease, which hydrolyzes the urea in the patient′s urine to ammonium
hydroxide. The elevated pH results in precipitation of minerals such as struvite
and hydroxyapatite. These mineral-containing biofilms form encrustations that may
completely block the inner lumen of the catheter.

Since the 1960s attempts have been made to incorporate antibiotics into urinary
catheters. However, the mixed populations of resistant nosocomial organisms that
inhabit the catheterized urinary tract present formidable challenges to any antibi-
otic impregnated biomaterial. The release of sub inhibitory concentrations of the
drugs into the fluids surrounding the catheters has been highlighted to potentially
having a negative effect in terms of inducing resistance to resident microbes. There-
fore, although this strategy may be initially successful, in the long term it could be
counterproductive.

9.2.3.3 Prosthetic Heart Valves

Prosthetic valve endocarditis is a condition caused by the attachment and subsequent
biofilm formation on components of mechanical heart valves and the surrounding
tissues of the heart. Implantation of the medical heart valve causes tissue damage,
and circulating platelets and fibrin tend to accumulate where the valve has been
attached. Once again, many of the organisms responsible originate form the skin,
however, some can be attributed to other indwelling devices and dental work. The
identity of the causative organism is therefore related to its source, whether at time
of surgery (Staphylococcus epidermidis), from dental work (Streptococcus spp.) or
from an indwelling material (a variety of organisms).

9.2.3.4 Orthopedic Prosthetic Infections

Over the past five decades, hip or knee replacement surgery has become one of
the most frequent prosthetic surgeries in restoring function to disabled arthritic
individuals. Currently, more than a million joint replacements are performed
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world-wide each year. Second to aseptic loosening, infection is the most frequent
complication leading to long periods of hospitalization, morbidity, severe functional
impairment and sometimes increased mortality [13]. In the 1970s, prosthesis asso-
ciated infection was devastating with 16% mortality after treatment of a prosthesis
associated infection and only 13% of the survivors left with a functioning prosthesis
[25]. Since then, clean air enclosures have been introduced in the operating theatres
to prevent the direct contamination of the wound and the biomaterial resulting in
significant reductions of infections to 1–4%. However, infections remain a serious
problem requiring multiple operations and sometimes leading to amputations and
mortality [41]. Most infections are caused by staphylococci which gain access to
the device during insertion.

The treatment of infection following total joint arthroplasty involves the combi-
nation of surgery and antimicrobial therapy. Surgical methods include debridement
and prosthesis retention; re-implantation with a one or two stage exchange arthro-
plasty; arthrodesis (knee); and excision arthroplasty (shoulder, hip). Antimicrobial
therapy should always be combined with surgery. When used alone, as with chronic
suppressive treatment of infection, antimicrobial therapy is rarely successful. The
duration of infection is an important factor in determining optimal treatment. With
an infection of greater than 1 month, the biofilm related bacterial disease would
have progressed to such a degree that cure with prosthetic retention is less achiev-
able than with resection. The two stage prosthetic exchange separated by 6 weeks
of antibiotic therapy is most common. The prolonged course of antibiotics aimed
at the causative bacteria can be administered systemically or locally. Local deliv-
ery can be achieved by implanting antibiotic bead chains or antibiotic loaded bone
cements. The concept of using bone cement as a carrier for antibiotics is logical
as it allows for their delivery at the site of infection. The first time this was car-
ried out was in 1970 [11]. Gentamicin sulfate was the first antibiotic of choice due
to its broad-spectrum antimicrobial activity, good water solubility, thermal stabil-
ity and low allergenicity [14]. Novel and challenging therapeutic approaches have
been attempted, particularly in hip prosthetic infections, based on altering the host
immune system the type and route of infection, the surgical procedure, the bacteria
cultured and the antibiotics employed [7, 8].

The knee, shoulder and elbow revision uses the two stage exchange which
involve the removal of the prosthesis and resection of all infected tissue, with the use
of antibiotic loaded cement. However there are many variables associated with this
technique. These include the use of antibiotic loaded cement in the form of beads
or a temporary spacer between the first and second stage; duration of post operative
antibiotic therapy; timing of re-implantation, use of allograft bone and selection of
a cemented or a cementless implant [35]. The ideal pause between surgeries is not
well established, but this interval is normally accepted to be a minimum of 6 weeks,
during which antibiotic therapy is prescribed [20]. Once this antibiotic period is
completed, and if the results of diagnostic studies indicate the eradication of infec-
tions, a new prosthesis is implanted. Although this two stage approach provides a
high success rate (about 95%) for eradication of the infection, it frequently results
in major morbidity due to prolonged immobilization of the patient.
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The one stage revision is mainly applied in hip replacement which involves the
excision of all prosthetic components and infected tissues and implantation of new
components during the same operation. Although the one stage exchange is attrac-
tive as allows earlier mobility, it exposes the patient to the risk that remaining bac-
teria will lead to re-infection. However, 80% success rates are reported.

9.3 The Use of Antibiotics in the Treatment of Biomaterials
Associated Infections

Both systemically administered and locally applied antibiotics or antimicrobial
agents have been used with the objective of preventing biomaterials associated
infections. However, it is becoming increasingly acknowledged that the treatment
of device-associated infections with antibiotics is often destined to fail. The rea-
sons why biofilms are so refractory to antimicrobial agents have not been fully
determined but the following have been suggested as contributing factors: protec-
tion by the matrix of the biofilm, altered growth rate of the organism, altered phe-
notype of the organism, entrapment of antibiotic-degrading enzymes, inactivation
of the antibiotic by the environment within the biofilm [27, 21]. In some cases,
however, such as cerebrospinal fluid shunts, there are additional pharmacological
problems with getting the drugs to the site of infection. Despite these problems,
precautionary use of antimicrobials is often undertaken in order to help reduce
the incidence of infections. For example, in endocarditis antimicrobials are usually
administered during valve replacement and whenever the patient has dental work.
The aim is to prevent initial attachment by killing any microorganisms introduced
into the blood stream. The consequence of the biofilm problem, however, is that
treatment failures and relapses are common and in some cases, such as prosthetic
hip replacements, surgical removal of the infected device is required as discussed
in Sect. 2.2.4.

9.3.1 Systemic Antibiotic Prophylaxis

The ideal antibiotic would be one that has broad-spectrum antimicrobial and is
active against the Gram positive and Gram negative species. Antibiotics such as
penicillins, gentamicin, and vancomycin are commonly used. An advantage of sys-
temic antibiotic prophylaxis is that it may disseminate via bloodstream to provide
activity against organisms remote from the surgical site, as in the case of a patient
with an intravascular catheter with a heart valve replacement. Systemic applications
of antibiotics may also protect against superficial wound infections [16]. However,
not all antimicrobial strategies have been proven to protect significantly against
infections with surgical implants due to differences in the microbiology and the
duration of time for indwelling implants to become covered with endothelial tissue
(in the case of intravascular implants) or fibrotic tissues (in the case of extravascular
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implants). The clinical efficacy of a particular antimicrobial approach may also dif-
fer among various implants.

Testing the efficacy of systemic antibiotic prophylaxis involves clinical trials
which compare a group of patients receiving systemic antimicrobial drugs to a con-
trol group receiving placebo. Only a few prospective, randomized clinical trials have
demonstrated that systemic antibiotic prophylaxis significantly reduces the rate of
infection of implants.

9.3.2 Local Delivery of Antibiotics and Antimicrobial Agents

Since most cases of biomaterials related infection that clinically manifest within
1 year of surgery are thought to result from preoperative inoculation of pathogens,
the major purpose of local antibiotic prophylaxis is to prevent the organisms from
colonizing the implant and/or contaminating the tissue adjacent to the implant.
Table 9.3 compares the four types of local antibiotic prophylaxis.

9.3.2.1 Antimicrobial Irrigation of a Surgical Field

The efficiency of antimicrobial irrigation of a surgical field is affected by a number
of variables. These include volume and pressure of irrigation, nature of irrigation
flow (i.e. whether it is pulsatile or constant), antimicrobial concentration in the irri-
gation solution, amount of locally available antimicrobial drugs that either bind to
the surgical implant or accumulate in the immediate vicinity, duration (usually less
than 1 day) and the choice of antimicrobial agents.

9.3.2.2 Dipping of Biomaterials in Antimicrobial Solutions

The dipping of biomaterials in antimicrobial solutions currently has no established
method of application and so results in an undetermined amount of locally available
antimicrobial drugs. Further problems with the dipping approach include the incor-
poration of relatively small amounts of antimicrobial drugs onto the surface of the
implant thus giving low systemic detection and a local activity of only a few hours.

9.3.2.3 The Antimicrobial Coating of Biomaterials

Antimicrobial coating of biomaterials possesses the advantages associated with
using an established method, knowing the amount of locally available antimicrobial
drugs, having a low likelihood of detectable systemic antimicrobial levels, having
a persistent local antimicrobial activity lasting from weeks to months, and using a
predetermined selection of non therapeutic drug or drugs of choice.

9.3.2.4 Placement of an Antimicrobial Carrier

Antimicrobial therapies can be incorporated in a carrier either preoperatively or
during surgery. Impregnation of biodegradable or nondegradable polymers with
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Table 9.3 Comparison of locally administered antimicrobial therapies used to prevent biomaterials
associated infection [16]

Antimicrobial
irrigation of a
surgical field

Dipping of
biomaterials in
antimicrobial
solutions

Antimicrobial
coating of
biomaterials

Placement of
an
antimicrobial
carrier

Established
method of
antimicrobial
application

No No Yes Yes/noa

Known amount
of locally
available
antimicrobialb

No No Yes No

Detectable
antimicrobial
levels in
serum

Variablec Unlikely Unlikely Unknown

Duration of local
antimicrobial
activity

<1 day Hours Weeks to
months

Weeks to
months

Utilizes drugs of
choice

Surgeon
dependent

Surgeon
dependent

No Yes

Demonstrated
clinical
efficacyd

No Yese No No

aYes, for preoperatively prepared antimicrobial carriers; no, for intraoperatively assembled
antimicrobial carriers
bLocally available antimicrobials bind to the surgical implant or accumulate in the vicinity of the
implant
cThe likelihood of detecting antimicrobial levels in serum varies on implant location (i.e.
intravascular or extravascular) and the total amount of applied antimicrobials
dAs demonstrated by significant reduction in the rate of implant associated infection in a prospec-
tive, randomized clinical trail
eDipping of prosthetic heart valves has been evaluated in a single prospective, randomized clini-
cal trial [34]

antimicrobials is often performed intraoperatively in patients with infected orthope-
dic prosthesis. The local antimicrobial activity usually persists for weeks to months
and is dependent on the rate of degradation of biodegradable carriers or on the tim-
ing of surgical removal of nondegradable carriers. However, the clinical efficacy of
this approach has not been demonstrated in a prospective randomized fashion.

9.4 Developing Infection-Preventing Biomaterials

Despite ongoing advances in the treatment of biomaterials associated infections the
results are moderate at best and achieved at considerable cost to the patient [24] and
prevention still remains the best form of treatment. Therefore, there is increasing
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demand for infection-preventing biomaterials that have antimicrobial activity and/or
resist biofilm colonization. The activity should endure for the lifetime of the device,
not be reduced by contact with body fluids and not encourage drug resistant organ-
isms. Although many antimicrobial biomaterials have shown promising activity in
vitro, few anti-infective prosthetic devices manufactured from these materials have
yet achieved any degree of success in clinical trials.

This chapter has already covered drug-releasing materials such as antimicro-
bial carriers where the agent is added to the material during manufacture or even
introduced into the material post manufacture. In both cases, the drug is dispersed
throughout the material. Other coating or surface modifications are also, however,
increasingly being considered. The physico-chemical design and morphology of a
biomaterial can significantly influence the risk of colonization. One approach in
reducing the attractive forces between bacteria and implant is to modify the surface
properties of the biomaterials. Most organisms are negatively charged; therefore a
negatively charged surface should exert a repulsive electrostatic force on the organ-
ism. Furthermore bacterial adhesion is expected to be reduced on hydrophobic sur-
faces. Protein coating is another potential method to prevent adhesion. Albumin and
heparin for example are macromolecules of biological origin used as coatings to
decrease the adhesiveness of biomaterials.

Various other antimicrobial coatings have been developed to address the prob-
lem of biomaterials associated infections. In general there are two types of
approach: passive or active. Passive antimicrobial coatings bind the antimicrobial
agents permanently onto the device. The drugs are not released but the micro-
organisms are killed on surface contact. Active antimicrobial coatings use the
principles of controlled drug release. These incorporate chemical compounds into
the coating matrix for release into the vicinity of devices to perform bactericidal
functions [40].

Metal ions such as gold, silver and copper all have broad-spectrum antimicro-
bial activity. Silver in particular has high antimicrobial activity with low human
toxicity and has been used as an antiseptic compound since the fourteenth cen-
tury. Silver cations are highly reactive chemical structures that strongly bind to
electron donor groups containing sulfur, oxygen and nitrogen, which are generally
present in biological molecules in the form of thio, amino, imidazole, caboxylate,
and phosphate groups. Inorganic silver salts and complexes such as argyrols,
silver nitrate, carbonate, silver halides, and the metal itself are used in vari-
ous medicines [39]. The biocidal activity of silver is related to the biologically
active silver ions by binding to the bacterial DNA, which may inhibit a num-
ber of important transport processes (such as phosphate and succinate uptake)
and can interact with cellular oxidation processes [29]. Several methods have
been proposed for surface coating with elemental silver including plasma depo-
sition or spluttering of silver coatings and ion beam assisted deposition /ion
implantation techniques using a vacuum process. Silver has activity against a
wide range of nosocomial organisms, including multiresistant staphylococci and
entercocci, Gram-negative enteric bacilli, Pseusdomonas aeruginosa and Candida
albicans.
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9.5 Case Study: Oral Infections and Biomaterials

Two of the most common diseases of man include dental caries and periodontitis.
These cause destruction of tooth enamel and dentine or periodontal tissues such as
the alveolar jaw bone and periodontal ligament (Fig. 9.3). Estimates suggest 10–
15% of the worldwide population is affected by periodontitis [23]. Other frequent
infections in the mouth affecting the pulp are termed Periapical or may be associated
with implants (Peri-implantitis). Micro-organisms can reach the pulp and travel to
the apex of the tooth through damaged enamel and dentine tubules.

Bacteria in the mouth generally form plaque biofilms in which they are pro-
tected from both host defense mechanisms and antibacterial agents. Environmental
changes can lead to ecological shifts and subsequent population changes which may
predispose to a more “pathogenic” microbial community. Hence, different diseases
are associated with a dominance of certain organisms at the infected site (Table 9.4).
Although with some infections complete bacterial irradiation is required, in the
mouth where it is impossible to achieve this goal, it may be preferable to change
the bacterial composition to one which is considered less pathogenic.

9.5.1 Dental Caries and Periapical Disease

Cariogenic bacteria produce organic acids that cause localized destruction of the
tooth enamel. Regular brushing, mouth rinsing and dental flossing with additional
professional treatments such as scaling or application of slow antibacterial agent
release varnishes can reduce plaque build up. Toothpastes contain fluoride that
reacts with hydroxyapatite in the tooth forming more acid resistant fluorapatites.

Dentine tubules

Enamel

Pulp

Gingiva

Periodontal ligament

Alveolar bone

Fig. 9.3 Cross section through a tooth and supporting tissues
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Table 9.4 Bacteria associated with various oral diseases

Disease Examples of causative organisms

Caries Actinomyces spp., Lactobacillus spp., Streptococcus mutans
Periodontitis Actinobacillus actinomycetemcomitans, Capnocytophaga spp.,

Eubacterium spp., Fusobacterium spp., Peptostreptococcus spp.,
Porphyromonas gingivalis, Prevotella spp., Tannerella forsythensis

Pulpal and periapical Fusobacterium nucleatum, Peptostreptococus spp., Porphyromonas
gingivalis, Prevotella intermedia

Osteomyelitis Staphylococcus aureus, Staphylococcus epidermidis

In its ionic form, fluoride can also be toxic to bacteria, but relatively high con-
centrations are required. Mouthwashes and slow release devices contain various
antibacterial agents including chlorhexidine, cetylpyridinium chloride and thymol
(Fig. 9.4). Once bacteria erode the enamel, however, diseased tissue must be surgi-
cally removed and replaced with a restorative material.
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Fig. 9.5 Electron
micrograph showing the gap
between dentine and an
amalgam restoration.
Bar = 100 μm

A major problem with all dental restorations is microleakage. This is the passage
of bacteria and other species through the micron-sized gaps between the restora-
tion and dentine (Fig. 9.5). Such gaps can be enhanced by restorative material
dimensional change during set or thermal stresses and mechanical loading [15].
Microleakage can cause sensitivity, marginal discoloration, filling degradation, sec-
ondary caries, pulpal inflammation and subsequent apical periodontitis.

The main choice as a dental restorative material has traditionally been amalgam.
Due largely to patient demand, this is increasingly being replaced by, more esthetic,
non-mercury-containing materials. A summary of dental restorative materials typ-
ically used is given in Table 9.5. Two basic direct (i.e. set in the mouth) esthetic
restorative materials are composites and glass-ionomer cements (GICs). Compos-
ites consist of glass particles embedded in hydrophobic methacrylate monomers
that set forming a crosslinked polymer network on exposure to a blue dental light.
These are bonded to the tooth using more hydrophilic and fluid methacrylate based
adhesives. The polymerization setting reaction, however, leads to shrinkage, dam-
aging the adhesive bond and increasing marginal gaps [31]. This can be partially
overcome through build up of the material in thin layers but higher levels and a

Table 9.5 Compositions of dental restorative materials

Dental restorative Typical chemical composition (approximate wt%)
Amalgam Mercury (50), Silver (25), Tin (15) and Copper (10)
Composite Inorganic glass particles (80) and dimethacrylate monomers with

light cure initiators (20)
Glass ionomer cement Fluoroaluminosilicate glass particles (76), water (17) and

polyacrylic acid (17)
Resin–modified glass

ionomer cement
Silane–treated fluoroaluminosilicate glass particles (75), polyacrylic

acid (10), methacrylate monomers with light and chemical cure
initiators (10), water (5)
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greater diversity of bacteria have still been detected beneath composites in extracted
teeth than below amalgam [38].

GICs are set by reaction of an aqueous polyacid solution (often polyacrylic) with
a fluoro-alumino silicate glass. Water sorption by GICs restricts shrinkage and pro-
motes fluoride release. Unfortunately, these cements are too weak to be used in
load-bearing applications [30]. To improve the mechanical properties of GICs they
have been modified with methacrylate resins. Recent resin–modified glass ionomer
cements (RMGICs) have mechanical properties between GICs and composites and
fluoride release levels comparable with GICs [43].

Based on clinical investigations, levels of GIC fluoride release can only par-
tially arrest caries progression. Various alternative antibacterial agents have there-
fore been added to dental materials to try to reduce bacterial microleakage, but much
of this work has only been in vitro and has yet to reach clinical trials. Chlorhexi-
dine for example has been added to GICs [32] and RMGICs [36]. In addition, silver
sol gel particles [44] and antibacterial monomers [26] have been included within
composites. With all these modifications, one problem is the limited release of the
antibacterial agent. Any antibacterial exposed surface that does not release its active
ingredients is likely to become rapidly ineffective in the mouth due to coverage
with a polymeric pellicle layer. In the case of chlorhexidine, the drug is trapped in
the GIC by interaction with polyacrylic acid. Chlorhexidine has been released from
experimental composite adhesives but the release rate is substantially reduced with
increased hydrophobicity and polymer crosslinking [46].

Although some antibacterial agent modified dental restorative materials have
shown improved antibacterial behavior in vitro, this may not translate to any sig-
nificant effect in vivo. Many studies have investigated the antibacterial properties
of dental materials by using relatively simple microbiological tests. Such methods,
however, are often a poor assessment of efficacy of materials in the mouth where
organisms are protected within biofilms as discussed previously.

Biofilms can be grown in vitro using apparatus to model the oral cavity, one
such model being the constant depth film fermentor (CDFF). Using this technique,
biofilms have been observed to develop marginally less on exposed GIC or RMGIC
surfaces than on a composite with no fluoride release. Bacterial microleakage into a
GIC or RMGIC bovine dentine restoration has, however, been demonstrated, using
a CDFF, to be very much reduced [45] compared with an amalgam filling despite
the latter’s high level of antibacterial metal ions [28]. This may be due more to
the better adhesion and bonding of the cements to dentine rather than any antibac-
terial properties. Indeed, polymerization shrinkage allows higher numbers of bac-
teria to penetrate a composite compared with amalgam restoration in the model
(Fig. 9.6).

In order to overcome bacterial microleakage with esthetic restorations in load-
bearing situations, GICs and RMGICs can be used beneath a composite using a
sandwich or layering technique [3]. These are, however, difficult to place and there
are additional problems with potentially poor bonding between the various layers.
There is therefore still a great need and a huge market for a new dental material with
high mechanical properties that can also prevent bacterial microleakage.
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Fig. 9.6 A composite
restoration surface. After
10 weeks within the CDFF,
bacteria can form an
extensive gap-filling biofilm
between a composite and
dentine. This consists of a
wide range of bacteria
embedded within polymers.
Bar = 5 μm

9.5.2 Periodontal Disease

Periodontal disease is the usual sequel to untreated bacteria/plaque induced swelling
of the gingiva (gingivitis). The disease causes formation of an increased periodontal
pocket that bleeds with probing. Within this pocket, the bacterial population shifts
towards mainly gram negative anaerobic bacteria which cause bone loss. Treatments
include mechanical scaling, root planning and in some cases, surgery to encour-
age bone regeneration and epithelium re-attachment. Although, in combination with
improved oral hygiene, these treatments are generally sufficient to stop periodontal
destruction, in severe, aggressive or some non-responding sites other antimicrobial
options are advocated [6]. Systemically applied antimicrobials have side effects such
as hypersensitivity, gastrointestinal intolerance, development of bacterial resistance
and low local tissue concentration at the required site [1]. Various sustained local
delivery formulations have, therefore been developed for the periodontal pocket (see
Table 9.6). Some of these formulations have also been used for treatment of infec-
tions around oral implants (perio-implantitis). Chemical structures of the antimicro-
bial agents used in these devices are provided in Fig. 9.4.

Carriers for periodontal antimicrobials have been in fiber, microsphere, liquid,
gel or chip form and produced from both degradable and non-degradable polymers.
The former have the disadvantage of requiring removal after treatment. Drug release
is via a combination of diffusion and carrier degradation mechanisms. Rates of dif-
fusion of drugs from the polymers into a surrounding aqueous phase can be reduced
by enhancing polymer crosslinking or hydrophobicity. With degradable polylactides
rates of degradation can be enhanced by production of copolymers with glycolide.

The most common antibiotics in current controlled release periodontal devices
are tetracycline including tetracycline itself, minocycline and doxycycline. Typical
minimum inhibitory concentrations of tetracycline for subgingival microorganisms
are ∼1–2 μg/mL but some bacterial species are more resistant and others develop
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resistance after exposure to sub-inhibitory concentrations. Atridox and Periochip
gingival crevicular fluid GCF levels are both approximately 1,000 μg/mL initially
but this decreases by a factor of 10 by 7 days after placement. GCF bioactive antibi-
otic levels from Atrigel and Actiste exceed 250 μg/mL over 7 days and 600 μg/mL
over 10 days respectively. This drug level is generally effective against oral bacteria
even within biofilms.

Some of the disadvantages of current formulations include difficulty in placement
and movement from the site of infection providing opportunities for future develop-
ments. Clinical trials using the antibacterial periodontal devices in combination with
current treatments have also demonstrated only limited advantage partially because
of the high success rates of the conventional mechanical methods alone. Further
clinical trials with the antibacterial devices in difficult to treat cases are therefore
still required, to provide irrefutable evidence for their beneficial effects.
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Chapter 10
Biocompatibility Testing

Kirsten Peters, Ronald E. Unger, and C. James Kirkpatrick

10.1 Introduction

The insertion of a foreign material into the body induces a cascade of events,
basically at the interface between the implanted material and the tissue, which
results in the recognition of the material as foreign matter. The degree of this physi-
ological response depends on the location of implantation and the composition and
mechanical properties of the material. Thus, the body’s response to an implanted
material is affected by a number of different factors. To evaluate and reduce the risk
for unexpected or unwanted side effects, biocompatibility testing is used to examine
new biomaterials and biomedical devices destined for implantation. The biological
evaluation of the material’s safety is a complex task since it requires knowledge in
the disciplines of medicine, biology, pathology, engineering and materials science.

The word biocompatibility can be defined as the compatibility between a material
and the biological system. Probably the best definition of biocompatibility is that
agreed upon at the Consensus Conference on Definitions in Biomaterials in 1986
(European Society for Biomaterials), namely “the ability of a material to perform
with an appropriate host response in a specific application” [1]. The corollary of
this is that the type of testing method will depend on the intended function of the
biomaterial being used. It then becomes obvious that the testing strategy must take
into account the biological situation in which the biomaterial will find itself. The
biological situation is influenced by the type of affected tissue or organ, physico-
chemical features of the material, and the implant duration period.

The biocompatibility concept includes two principal elements. First there is the
absence of a cytotoxic effect and second, there is the aspect of functionality. Cyto-
toxicity deals mainly with the survival of cells and the maintenance of specific
cellular functions under the influence of a material and/or its degradation prod-
ucts. Functionality includes the integration of the biomaterial into a biological sys-
tem (the tissue or organ). Functionality also assumes the absence of impairment of
cellular function and requires that the mechanical, chemical and physical features
of the material are sufficient for the performance of cell-specific functions. Since
biomaterial-induced modifications of cellular functions might also accumulate or
act synergistically, cell-material-interactions could lead to deleterious effects with
respect to implant acceptance and long-term stability.

R. Narayan (ed.), Biomedical Materials,
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The protocols for the evaluation of the safety of biomaterials planned for use as a
medical device are guided by specific organizations. In the USA, the Food and Drug
Administration (FDA), which is a government body, is responsible for the determi-
nation of standards in testing biocompatibility of medical devices. In Europe, the
International Organization for Standardization (ISO), a commercial organization, is
the authorized body. The definitions for medical devices are similar in Europe and
the USA. In Europe the testing of medical devices is guided by an ISO standard
(ISO 10993). The US standards (Quality System Regulation/QRS) are mostly com-
parable to the ISO standard. This chapter refers generally to the ISO standard when
accredited test systems are mentioned. Currently, 20 parts of the ISO 10993 standard
are either accepted or under preparation. Tests that may be used in the assessment of
medical device biocompatibility include procedures for cytotoxicity, sensitization,
irritation, acute systemic toxicity, subchronic toxicity, mutagenicity, genotoxicity,
hemocompatibility etc. The testing procedures can be performed in vitro as well as
in vivo (mainly in animal studies).

The main aspects of biocompatibility testing are discussed in the following sec-
tions. It must be pointed out that due to the widely facetted aspects that require to
be taken into account one cannot deal with the topic exhaustively. Since the prepa-
ration of the samples is an important point in biocompatibility testing we will start
this chapter with a short overview of the issue of sample preparation.

10.2 Sample Preparation

The preparation and processing of the test specimens is a fundamental aspect in bio-
compatibility testing. Both ISO and FDA standards address sample preparation and
reference materials (e.g. [2]). The types of test samples, suitable extraction medium
and conditions, and appropriate reference materials to be used as controls are cov-
ered. The standards recommend testing medical devices in their final product form
and composition whenever possible. If finished devices are not available for testing,
the evaluation of representative subcomponents of the device is also acceptable. If
the device is too large or cannot be tested as a whole, each different material com-
ponent that has the potential of coming into contact with body tissues should be
represented in the same proportion in the test sample as it is in the final product.

Since biomaterials are normally insoluble and the methods for biocompatibility
testing are often designed for soluble compounds, the biocompatibility tests can
be modified for the evaluation of liquid extracts. The selection of the appropriate
extraction medium depends on the test system of choice. For example, bacterial test
systems are frequently exposed to physiological osmolarity solutions (0.9% sodium
chloride) or either ethanol or dimethyl sulfoxide extracts. Since in vitro mammalian
cell culture-based test systems require media that induce cell growth, cell culture
medium is often employed as an extraction medium. In vivo test models frequently
employ aqueous and nonaqueous extraction fluids that are capable of extracting both
water-soluble and lipid-soluble chemicals.
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However, one has to keep in mind that the problems often lie in the details since
the materials can undergo a wide range of annealing, passivation, electropolishing,
and cleaning processes which may lead to extensive changes of their character. Thus,
although the underlying material can clearly be identified, the exact surface chem-
istry, surface corrosion, and durability of the device over a prolonged time period
can differ significantly depending on the specific processing and finishing steps.

10.3 Mammalian Cell Culture

A basic requirement in biocompatibility testing is the reduction and replacement
of animal studies wherever possible. Biocompatibility testing in mammalian cell
cultures in vitro offers an excellent screening method. Due to detailed cell isola-
tion protocols, the availability of different recombinant growth factors and highly
defined cell culture media a large number of different mammalian cell types can be
more or less easily propagated in vitro (Fig. 10.1). These cell types originate from
different tissues and are characterized by unique functions, in accordance with the
functions they exhibit within the original organ, some of which are retained dur-
ing cultivation in vitro. These cell type-specific functions are e.g. pro-inflammatory
cytokine production in the case of activation (inflammation in vitro), in vitro cap-
illary formation by endothelial cells after stimulation with blood vessel-inducing
growth factors (blood vessel formation in vitro), mineralization after long-term cul-
tivation of osteoblasts (bone formation in vitro) or the production of large amounts
of extracellular matrix by fibroblasts in vitro.

There are two large subgroups of cells that can be cultured and these can be
grossly divided into the so-called primary cells and permanent cell lines. Primary
cells are directly isolated from fresh mammalian tissues. A large number of cell
types is able to adapt to cell culture conditions and may be subcultivated for a few
passages (cell strains). The primary cells and their resulting cell strains normally
have high similarity to the respective cell type in vivo. The preparation of primary
cells as isolated single cell type cultures is labor intensive. Primary cells are charac-
terized by an individual heterogeneity due to the genetic heterogeneity of the donor.
This heterogeneity may have effects on the reproducibility of results. Primary cells
and the resultant cell strains can be maintained in vitro only for a limited period of
time. Depending on the cell type, primary cells become senescent after a limited
number of cell divisions. This senescence is observed as a reduction in proliferation
rate and the loss of cell-specific functions [3].

Permanent cell lines evolve from primary cells after genetic transformation. This
transformation can occur in vivo (i.e. malignant transformation in tumor cells) or in
vitro. Genetic transformations develop spontaneously or by the influence of chemi-
cal or physical mutagens (e.g. Co-60 gamma rays, nickel chloride, 4-nitroquinoline
1-oxide). The development of genetically transformed cells is a multi-step process
involving accumulation of multiple genetic derangements over an extended time-
period. One step found in nearly all permanent cell lines is the acquisition of an
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Fig. 10.1 Exemplary isolation protocol for cells from fresh tissues. First, tissues must be mechan-
ically minced into small pieces. This is generally followed by an enzymatic digestion. The type of
enzyme utilized (e.g. dispase, collagenase, etc.) depends on various characteristics of the tissue.
For example, when the tissue has a significant amount of collagen fibers, the more appropriate
enzyme for the disintegration of the tissue might be a collagenase; when the tissue is characterized
by large amounts of elastin fibers, the appropriate enzyme is most likely an elastase. Therefore, the
isolation methods for different cell types show large variations. The enzymatic digestion is again
followed by a mechanical treatment to disconnect the loosened cells from the disintegrated tissues.
The isolated cells are placed into cell culture flasks that are, dependent on the cell type, coated
with specific adhesion factors (e.g. collagen, fibronectin) to initiate a rapid attachment of the cells.
The cell culture media are supplemented with growth factors, amino acids, carbohydrates, vita-
mins etc. These cell cultures deriving from fresh tissues are referred to as primary cultures. After
growing to confluence (i.e. all available surface area is covered by cells) the cells can be subculti-
vated. This subcultivation leads to cell propagation that is accompanied by cell proliferation. The
subcultivation step marks the transition from the primary culture to cell strain

unlimited proliferative potential that requires overcoming the senescence barrier that
is typical for primary cells. Permanent cell lines are clonal since they arise from one
single cell, although genomic alterations also take place subsequently in vitro to
give a certain degree of population heterogeneity.
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Fig. 10.2 Different primary and permanent cell types in vitro. (a) HUVEC (primary culture, pas-
sage 0), (b) HDMEC (primary culture/cell strain, passage 2), (c) HPMEC-ST1 (lung microvascu-
lar endothelial cell line), (d) A549 (alveolar epithelial cell line), (e) 16HBE140- (human bronchial
epithelial cell line), (f) Calu-3 (airway epithelial cell line), (g) human dermal fibroblasts (primary
culture/cell strain, passage 15), (h) U937 (cell line of a human histiocytic lymphoma, non-
stimulated), (i) U937 (phorbolester-stimulated) (magnification 10x)

Figure 10.2 shows a number of different human cell types in vitro. These
cells differ in their origin (i.e. endothelial, epithelial, fibroblastic, monocytic) and
their transformation status (i.e. primary or permanent type). Whereas the differ-
ent endothelial cells, epithelial cells and fibroblasts require adherence for growth,
the monocytic cell line normally grows in suspension. All adherent growing cells
are shown in the confluent state. This is the stage reached when the cells have
covered the entire cultivation-area available. The same cell type derived from dif-
ferent tissues/organs of the same species shows different phenotypes (Fig. 10.2a:
primary human umbilical vein endothelial cells, HUVEC, b: primary human dermal
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microvascular endothelial cells, HDMEC, c: a permanent cell line of human pul-
monary microvascular endothelial cells, HPMEC-ST1). Most endothelial cells in
culture develop a so-called cobblestone morphology. This morphology is variable
and is dependent on the origin of the cells (type of tissue) and the transformation
status. Such phenotypic differences are also observed in different permanent epithe-
lial cell lines (Fig. 10.2d: A549, e: 16HBE140-, f: Calu-3). Phenotypic differences
refer to differences in the expression status of the cells which are induced by varying
gene activation.

In comparison to both endothelial and epithelial cells, human fibroblast cultures
(Fig. 10.2g) show large differences in phenotype in vitro. The intercellular contacts
of fibroblasts are not as pronounced and the growth pattern of fibroblasts is not as
regular as for the other two cell types. The difference between the appearance of
fibroblasts and endothelial/epithelial cells is due to their arrangement in the tissue:
endothelial and epithelial cells are responsible for barrier formation (e.g. between
the tissue and the blood or between the air and the tissue) and thus show a polarized
growth pattern as monolayers where they have an apical and a basal surface. Fibrob-
lasts on the other hand are three-dimensionally embedded within tissues without an
apical/basal polarization.

Most cells derived from solid tissues are dependent on substrate adhesion. How-
ever, a few cell lines are able to replicate while floating in the culture medium
(suspension culture). Anchorage-independent growth is usually an indication of
genetic transformation. This of growth often reflects the origin of the cell type from
which they are derived, e.g. from leukemia or lymphomas (e.g. U937 cells derived
from a human histiocytic lymphoma, Fig. 10.2h). Interestingly, these cells are also
able to attach to the cultivation surface after a specific stimulation (Fig. 10.2i,
phorbolester-activated U937, most cells attach to the cultivation surface). This
attachment after stimulation is mediated by the expression of different cell surface
adhesion molecules [4]. However, the spreading of the cell body onto the surface
does not occur. On the other hand, many types of adhesion-dependent cells undergo
cell death (i.e. the so-called programmed cell death or apoptosis) if they are pre-
vented from attaching to an appropriate substrate.

Due to the almost limitless expansion potential of permanent cell lines these are
often preferred for testing cytotoxicity instead of primary cells. However, one has
to keep in mind that permanent cell lines have often lost a significant part of their
cell type-specific functions and may be less sensitive to modulating effects of bio-
materials than primary cell cultures. Also, the examination of cell cycle-modulating
aspects by biomaterials might be questionable in permanent cell lines, since these
cell lines have often lost important cell cycle-regulating abilities. In addition to the
choice between permanent cell lines or primary cells there is the choice of species.
Various comparative studies demonstrate that human cells react in a very different
manner compared to cells from other mammals. Since biomaterials are intended for
clinical use, in the authors’ laboratory only cells of human origin are utilized.

In addition to the fact that in vitro testing leads to the reduction of animal exper-
imentation cell culture methodologies are generally more economical. However, it
must not be forgotten that cell culture represents a reduction of the complexity of
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the entire organism generally to a single cell type. Thus, the buffering capacity of
complex cellular and humoral systems in the intact organism is missing, so that a
biomaterial may not perform well in the in vitro test, but be biocompatible in vivo.
Nevertheless, this is a risk which is inherent to the system.

The work with mammalian cells in culture requires specific laboratory equipment
and technical experience. For example, a cell culture laboratory should be segre-
gated from often utilized rooms and a laminar air flow cabinet, an inverted micro-
scope and a carbon dioxide-incubator are part of the basic requirements (Fig. 10.3).
The primary reason for the safety precautions for cell cultivation is to avoid any
hazard to individuals and the environment stemming from the cell cultures (this is
especially true for human and primate cell cultures). In addition, an undesired con-
tamination of the cell cultures by bacteria, fungi, viruses, and mycoplasma needs to
be prevented [5]. Furthermore, experience in cell cultivation is needed since differ-
ent cell types possess unique demands and can exhibit large variations in phenotype
induced by the cultivation methods and handling. Thus, a basic knowledge in cell

Fig. 10.3 Basic equipment for cell culture-based experiments. (a) Laminar air flow cab-
inet (Heraeus, Germany), (b) inverted microscope (Leica Microsystems, Germany), (c) cell
counter/analyzer (Schärfe System GmbH, Germany), (d) multiwell plate-washer (Amersham,
Germany), (e) spectrophotometer for nucleic acid quantification (NanoDrop Technologies, USA),
(f) UV-source for nucleic acid analysis (Bachofer, Germany)
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biology is considered a prerequisite for working with cell cultures in biocompatibil-
ity testing and is essential for ensuring reproducibility of results.

The utilization of human cells is regulated by the specific organizations, depend-
ing on the national laws. A number of key guidelines need to be followed: e.g.
the donor must be informed and has to sign a consent form whenever a sample
is extracted (donors should understand what the sample is used for and how the
results might impact scientific problems). Furthermore, the extraction of human
tissue/samples must exclude any possibility of harm for the donor. All human tis-
sues/samples extracted for research studies must be approved by an ethics commit-
tee. In most cases sample anonymity is adequate. Dependent on the type of extracted
tissue or cells there may be formalities which need to be clarified with the local
responsible authorities.

10.3.1 Cytotoxicity Testing

As mentioned above, the absence of cytotoxicity (a toxic effect on cellular func-
tions) is a prerequisite for the biocompatibility of a material. For the assessment of
risk of a compound to human health the testing of toxicity at the cellular level in
vitro has been very useful. The intention is to reduce the complexity of the entire
organism generally to a single cell type. Nowadays, the testing of cytotoxic effects
of biomaterials or their degradation products in cells in vitro is a major part of the
development of new biomaterials.

An approximate procedure for the evaluation of biomaterials in vitro has been
developed by ISO (International Organization for Standardization) and is docu-
mented in ISO 10993-5 (Biological evaluation of medical devices – Part 5: Tests
for cytotoxicity: in vitro methods) [6]. Due to the general applicability of testing
cytotoxicity in vitro and the widespread utilization to evaluate large amounts of
medical devices and biomaterials this part of ISO 10993 does not consist of a fixed
test protocol. ISO 10993-5 guidelines serve as a starting point for the determination
of a scheme that requires incremental decisions and leads to the most appropriate
cytotoxicity test. Thus, a basic knowledge about the different test systems and of
their specific attributes is absolutely necessary.

ISO 10993-5 deals with three testing categories: (1) testing of extracts (condi-
tions for the extraction are specified), (2) testing by direct cell/material contact,
(3) testing by indirect cell/material contact. The choice of one or more of these test-
ing categories depends on the character of the tested material, the area of application
within the body and the task that it has to fulfill.

The cell type selected for cytotoxicity testing is important. The origin of the cells
(human vs. other mammalian cells, tissue type from which the cells are isolated,
differentiation status) as well as the transformation status (primary vs. permanent
cell lines) is dependent on the application. Whereas the choice of the cell origin
(e.g. osteoblasts, fibroblasts, endothelial cells etc.) depends on the future applica-
tion of the tested biomaterial, the choice of the transformation status of the cells
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depends on the availability of fresh tissue (for primary cultures) and suitable and
reproducible cell isolation procedures (see above). In ISO 10993-5 a preference is
made for permanent cell lines that come from accredited suppliers (e.g. American
Type Culture Collection/ATCC, German Collection of Microorganisms and Cell
Cultures/DSMZ). However, ISO 10993-5 also recommends the utilization of pri-
mary cells/cell strains and organ-typic cultures if a specific sensitivity is needed
and if reproducibility and accuracy can be assured. This is an important point since
permanent cell lines often suffer from low sensitivity and non-congruent behavior
compared to the respective primary cell culture.

An important factor in cytotoxicity testing is choosing between qualitative
or quantitative assays (Table 10.1). A qualitative assay evaluates morphological
changes microscopically (morphological changes, vacuolization, detachment, etc.).
An example for the validation of morphological changes is given in Fig. 10.4. Here,

Table 10.1 Aspects of testing cytotoxicity in vitro

1. Destroyed cellular 
structures

a) Evaluation of morphologi-
cal changes

Qualitative/descriptive

b) Measurement of biochemi-
cal aspects (e.g. detection of 
cytoplasmic enzymes in the 
cell culture supernatant)

Quantifiable (mostly 
semi-quantitative)2. Proliferation (e.g. measurement of DNA-synthesis, 

quantification of specific markers of proliferation)

3. Metabolic aspects (measurement of specific metabolic 
pathways, e.g. quantification of mitochondrial dehydro-
genase activity by tetrazolium salt assays

Fig. 10.4 F-actin cytoskeleton in human endothelial cells (a) non-treated endothelial cells,
(b) Co2+-treated endothelial cells; fluorescence microscopy, magnification 40x
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the f-actin cytoskeleton of human endothelial cells is stained by the fluorescent-
labeled actin-binding molecule phalloidin. Whereas non-treated endothelial cells
show a peripheral actin ring (negative control) (Fig. 10.4a), cobalt ion (Co2+)-treated
endothelial cells exhibit a number of f-actin stress fibers and loosened intercel-
lular contacts (Fig. 10.4b). These cytotoxicity validation methods often provide
impressive images and may also indicate a number of possible pathomechanisms
[7]. However, the significance of these validation methods depend on the cell type,
the interpretation of results requires experienced personnel and the results cannot be
exactly or easily quantified.

Quantitative cytotoxicity assays on the other hand are mostly indirect meth-
ods for the detection of destroyed cellular structures, impairment of cell prolifer-
ation, or impaired metabolic cell functions (Table 10.1). Within these categories,
there are different possibilities for measurement and most important is the use of
appropriate negative and positive control materials that exhibit the reproducibil-
ity of the test system. The negative control should be a material that does not
induce a cytotoxic reaction (e.g. cell culture polystyrene). This control is used to
show the basal reaction of the cell culture and is necessary since all cells in cul-
ture show a variable fraction of dying cells. A positive control must also be used
to evaluate the sensitivity of the test system. Therefore, a material or compound
should be utilized that shows a reproducible cytotoxic response in the exposed cell
culture.

The range of commercially available and accredited cytotoxicity assays is large
(Table 10.2). An example for the biochemical quantification of destroyed cellular
structures (Table 10.2, item: membrane integrity) is the detection of the cytoplasmic,
soluble lactate dehydrogenase (LDH) that is released into the cell culture super-
natant when the cell membrane is disrupted. A disruption of the cell membrane
generally correlates with an increase in cell death. Therefore, the activity of LDH
detected in the cell culture supernatant can be used as a quantitative measurement
of cell death in vitro [8]. LDH activity catalyzes the oxidation of lactate to pyruvate
in a reversible manner by reducing NAD+ to NADH+H+.

NAD+ + lactate
LDH−−→ pyruvate + NADH + H+ (10.1)

The development of reduction equivalents by LDH is used for the LDH-
activity assay: the developed NADH+H+ reduces (by means of the added
enzyme diaphorase) the light yellow tetrazolium salt INT (2-[4-iodophenyl]-3-
[4-nitrophenyl]-5-phenyl-2H-tetrazolium-chloride), that is added to the test sys-
tem, to a red formazan salt. This conversion can be measured photometrically at
492 nm.

NADH + H+ + INT (yellow)
diaphorase−−−−−→ NAD+ + formazan (red) (10.2)

Thus, an increase in the number of dead cells results in an increase of LDH
activity in the cell culture supernatant, which is reflected in an increase of absorption
at 492 nm after the addition of the tetrazolium salt INT and the enzyme diaphorase.
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Table 10.2 Classification of accredited cell viability/cytotoxicity assays (the list is not exhaustive)

Cellular function Test system

Membrane integrity – Trypan blue exclusion
– 51Cr-release
– Neutral red release
– LDH-release
– Calcein-AM-release

Energy metabolism – Detection of reduction equivalents by tetrazolium salt assays
(i.e., MTT, MTS, WST-1, XTT. . .)

– ATP-content
Proliferation – Cell number

– [3H]-Thymidine uptake
– BrdU-incorporation
– Crystal violet staining (DNA-binding dye)
– Ki67-expression (immunocytochemical detection of a nuclear

proliferation marker)
– Cell cycle analyses (by flow cytometer)

Apoptosis – Nuclear condensation/fragmentation
– TUNEL staining (terminal deoxynucleotidyl transferase-mediated

dUTP nick end labeling)
– DNA ladder formation
– Annexin V-staining
– Caspase detection
– Detection of specific pro- and anti-apoptotic molecules (bax/bcl)

Other cytotoxicity assays also utilize the color changes of tetrazolium salts to for-
mazan by reduction. Very prominent representatives of these are the tetrazolium salt
assays (e.g. MTT, MTS, WST-1, XTT) that indicate the energy metabolic state of
the cells. The tetrazolium salts are membrane-permeable. When the salts are added
to the cell culture medium they permeate into the living cells. Here, the light yellow
tetrazolium is reduced by the physiologically developing NADH+H+ to (mostly)
water soluble, membrane-permeable red or orange formazan products [9, 10] that
are released into the cell culture supernatant (since the MTT reagent leads to a water
insoluble product a further solubilization step is necessary). As in the LDH release
assay this color change can be detected photometrically. In contrast to the conclu-
sion of the LDH assay, an absorbance increase in the tetrazolium salt assays refers
to an increase in metabolic activity and thus indirectly in cell viability, a decrease of
absorbance is normally an indirect measurement for an impairment of cell viability.

A further important parameter in cytotoxicity testing is the evaluation of the pro-
liferative state, i.e. the capacity of the cells to divide and propagate. In this case
a number of different assays is also available (Table 10.2). The most direct way
to obtain information about proliferation is to measure the cell number. This can
be done very classically using the Neubauer cell counting chamber. More progres-
sive is the method of cell counting using an electronic cell counter that works by
the resistance measurement principle. The advantage of the electronic cell counting
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systems is that additional information is provided since cell size, volume etc. are
also analyzed and the recorded data are saved electronically. However, both meth-
ods are relatively time consuming for adherent cells since the cells have initially to
be detached from the cultivation surface primarily by an enzymatic digestion.

Crystal violet staining can be used as an indirect method for the quantification
of relative cell number. Crystal violet is a DNA-binding dye. The staining of cells
by crystal violet can be performed in a microplate format and analyzed spectropho-
tometrically. These data indicate the relative number so that the absorbance of the
relevant samples can be compared to that of the non-treated controls (i.e. negative
control) [11]. A further method of proliferation quantification is the Ki67 assay.
The Ki67 antigen is only expressed in the nucleus of cells, actively present in the
cell cycle. The detection of this antigen can be used to quantify proliferating cells
using an enzyme-linked immunoassay based on a peroxidase staining reaction and
subsequent dye quantification by a microplate-spectrophotometer [12].

Proliferation can also be quantified by labeling the newly synthesized DNA
by [3H]-thymidine or bromodeoxyuridine (BrdU). Both compounds are incorpo-
rated into newly synthesized DNA strands of actively proliferating cells during
the S-phase of the cell cycle. Whereas the radioactive thymidine-incorporation is
measured by scintillation counting of autoradiography, the BrdU-incorporation is
detected immunocytochemically. The [3H]-thymidine-incorporation assay has sev-
eral limitations, primarily in the handling and disposal of radioisotopes and the
necessity for specialized equipment.

A comparison of two assays that reflect the proliferative state is shown in
Fig. 10.5. Human endothelial cells were exposed to different concentrations of
the metal ion salt CoCl2 (Co2+ ions are corrosion products of CoCr-alloys). Low
concentrations (0.1 mM) induced only slight changes of the relative cell number
detected by crystal violet staining, higher concentrations of CoCl2 (0.7 mM) induced
a reduction of more than 20%. However, the results of the proliferation-inhibiting
effects of CoCl2 are more pronounced, when the proliferative state is examined by
the Ki67 assay (0.1 mM: more than 10%; 0.7 mM: nearly 55%). The differences

Fig. 10.5 Detection of the
proliferative state in human
endothelial cells after
exposure to metal ions
(crystal violet staining vs.
Ki67-staining, exposure 24 h,
untreated control – negative
control – set as 100%)
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between these assays occur since different parameters of proliferation are being
examined; crystal violet stains the cell nuclei since it binds to DNA and is thus an
indirect method for the quantification of the relative cell number, whereas the Ki67
assay detects a protein that is only expressed during the active cell cycle. Thus,
the Ki67 assay reflects a parameter that is mechanistically ranged ahead of the cell
propagation and might therefore be more sensitive than the crystal violet staining.
Since crystal violet staining is much easier to perform than the complex Ki67 assay,
the selection of the assay depends on the individual case and has to be carefully
considered.

There are different mechanisms of cell death which generally can be divided
into necrosis and apoptosis. Whereas necrosis is also called the “accidental” cell
death, apoptosis is referred to as “programmed” cell death. This original classifica-
tion depends on the different morphological, biochemical and molecular hallmarks
that are expressed during cellular breakdown.

Necrosis is caused by extreme conditions (e.g. toxins, heat, radiation, trauma,
oxygen deficiency etc.). These physical or chemical stimuli can lead to the lethal
disruption of cell structure and generally affect a number of cells simultaneously. In
necrosis the cells swell, the plasma membrane disintegrates and intracellular com-
pounds are released. The release of intracellular material leads to pro-inflammatory
processes surrounding the dying cells.

In contrast to necrosis, apoptotic cells are characterized by condensation of the
cytoplasm and the nuclei, so that affected cells shrink. In the course of apoptosis
nuclear fragmentation and cleavage of chromosomal DNA into internucleosomal
fragments occurs. The degradation of DNA in the nuclei of apoptotic cells occurs
by a number of ways following activation of executioner enzymes, the caspases.
Characteristic is also the packaging of the deceased cells into apoptotic bodies with-
out plasma membrane breakdown. These apoptotic bodies can be recognized and
removed by phagocytic cells. Therefore, apoptosis is also notable for the absence
of inflammation around the dying cells. Currently this original classification of
necrosis (as the accidental cell death) and apoptosis (as programmed cell death)
is extended to a number of alternative cell death styles. There is growing evidence
that, besides apoptosis, autophagic and necrotic forms of cell degeneration may be
programmed [13].

Apoptosis-typical hallmarks can be analyzed in vitro and a number of different
test systems are available (see Table 10.2). The nuclear condensation and fragmenta-
tion is easily detected by nuclear staining (e.g. by Hoechst 33342, DAPI). An exam-
ple of different stages of apoptosis-typical nuclear break-up is shown in Fig. 10.6a.
Non-affected nuclei of endothelial cells possess an oval, regular shape (1); during
the course of apoptosis the nuclei condense (2) and are fragmented (3); at a late
stage of apoptosis the nuclear fragments come apart (4).

A further method in the detection of apoptosis is the analysis of fragments of
chromosomal DNA. Characteristic in apoptosis is a specific form of DNA degrada-
tion in which the genome is cleaved at internucleosomal sites, generating a “ladder”
of discretely sized DNA fragments when analyzed by agarose gel electrophoresis
(Fig. 10.6b). The nucleic acid preparations contain RNA in addition to the DNA of
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interest. Since the RNA masks the DNA-ladder (Fig. 10.6b, lane 1 and 3) removal of
RNA with a specified enzyme (RNase) is necessary (Fig. 10.6b, lane 2 and 4). After
the treatment of endothelial cells with high concentrations of Co2+ a DNA-ladder
is detectable (Fig. 10.6b, lane 4). This apoptosis-typical fragmentation can also be
detected by the so-called TUNEL method (terminal deoxynucleotidyl transferase-
mediated dUTP nick end labeling). Therefore, the low molecular weight DNA frag-
ments as well as single strand breaks (“nicks”) in high molecular weight DNA are
labeled at the apoptosis-typical breaks with modified nucleotides in an enzymatic
reaction. Incorporated nucleotides are detected by fluorescence or light microscopy
depending on the modifications of the incorporated nucleotides (Fig. 10.6c: fluores-
cently labeled). The TUNEL-positive endothelial cell nucleus (green) in Fig. 10.6c
shows simultaneously fragmented nuclear material.

The core effectors for the cellular breakdown during apoptosis are a family
of proteolytic enzymes, the caspases. Caspases exist as latent precursors in most
nucleated mammalian cells. The caspase precursors are activated by cleavage or
proximity-induced dimerization. One of the executioner caspases is caspase-3,
which mediates the apoptotic cascade. The active enzyme can be detected in the
apoptotic cells by immunostaining (Fig. 10.6d). Here, the specific binding of an anti-
body against the active caspase-3 (not the precursor) is detected in cobalt-particle
treated endothelial cells by labeling with a fluorescent secondary antibody and a
subsequent fluorescence microscopic analysis.

Fig. 10.6 Detection methods of apoptosis. (a) Nuclear staining of H2O2-treated human endothe-
lial cells (0.7 mM, 24 h, staining with Hoechst 33342; different stages of the nuclear degradation:
(1) non-affected nucleus, (2) nuclear condensation, (3) nuclear fragmentation, (4) nuclear break-
up); (b) DNA ladder formation in human endothelial cells after metal ion-treatment (agarose elec-
trophoretic separated nucleic acid preparations of: lane 1 – non-treated control cells, lane 2 –
non-treated control cells after RNase-treatment, lane 3 – Co2+-treated cells, lane 4 – Co2+-treated
cells after RNase-treatment; arrowheads mark the distinct “steps of the ladder”); (c) TUNEL stain-
ing in sporadically occurring apoptosis in human endothelial cells (green: TUNEL positive, blue:
nuclear staining, digital overlay of the TUNEL and the nuclear staining, fluorescence microscopy);
(d) detection of active caspase-3 (green) in cobalt-particle treated endothelial cells (digital overlay
of caspase-3 and nuclear staining, fluorescence microscopy)
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Thus, there are numerous possibilities for testing cytotoxicity in vitro. The signif-
icance of these assays often depends on the choice of the assay and the mechanisms
that are influenced by the tested compound. Therefore, the results achieved by a
special cytotoxicity test have to be evaluated critically. To exclude misinterpreta-
tions of the assays the utilization of at least two different tests that are based on
different test methods is highly recommended. Thus, if the cytotoxicity assays are
utilized correctly these in vitro test systems might be helpful for the pre-selection of
compounds and materials and lead to the reduction of animal studies.

10.3.2 Hemocompatibility

Hemocompatibility, the ability of a material to perform in contact with blood, is one
of the most complex fields in biocompatibility testing. This is due to the large num-
ber of interacting cell types and factors which are addressed during the cascade of
activation steps (see below). All materials implanted come into direct contact with
tissues and thus into direct contact with blood. ISO 10993 requires an evaluation of
hemocompatibility for any medical device that has contact with circulating blood,
directly or indirectly, during routine use. In other words, testing of hemocompati-
bility is relevant for all devices and implants that come into large-area contact with
the circulatory system. Thus, in addition to heart valves, vascular prostheses and
vascular stents, most forms of extracorporeal devices involve a blood-biomaterial
interaction. Guidelines for such evaluations and the respective devices are found in
ISO 10993-4 (Biological evaluation of medical devices – Part 4: Selection of tests
for interactions with blood) [14].

The human blood consists of cellular components (40–45%) and the plasma
(55–60%). Red blood cells (erythrocytes), white blood cells (leukocytes) and the
platelets (thrombocytes) constitute the cellular part of the blood (Fig. 10.7a). The
blood circulates within the vascular system and fulfils a number of different func-
tions, including immune responses and tissue repair as well as oxygen and nutrient
supply and the disposal of metabolites. Because of the broad range and the criti-
cal nature of these functions, any source of cytotoxicity to blood cells can cause
significant harm. For example, the breakdown of erythrocytes (called hemolysis),
which can be induced by a material or a toxin or might result from mechanical
damage, directly impairs the ability of the circulatory system to provide the body’s
tissues with oxygen. Moreover, adverse interactions with leukocytes can impair the
body’s ability to repel invading pathogens efficiently. Furthermore, blood contains
several soluble multi-component protein systems that systematically interact in var-
ious ways to perform critical functions. For example, the complement system partic-
ipates in inflammatory reactions and facilitates removal of invading pathogens. The
clotting cascade operates to initiate blood coagulation, thereby preventing excessive
loss of fluid and facilitates tissue repair (Fig. 10.7b). The impairment of and other
cascade systems (e.g. kinin system, fibrinolytic system) can have significant adverse
effects on the body.
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Fig. 10.7 Human blood. (a) Composition and function of blood components in humans (staining
of blood cells: panoptical staining according to Pappenheim), (b) blood coagulation, human blood
cells entrapped in a fibrin network (scanning electron microscopy)

The above mentioned clotting cascade consists of two sub-pathways that lead
to the formation of a fibrin clot: the intrinsic and the extrinsic system. These sys-
tems are initiated by distinct mechanisms but work together for a common result,
the blood clot. In Fig. 10.8 a highly simplified depiction of the cascade is shown.
Only the major components are shown; a large number of interacting factors is not
included. Beside the process of blood clotting, the subsequent dissolution of the clot
following repair of the injured tissue is also an important aspect (for more informa-
tion see: http://www.labtestsonline.org/images/coag cascade.pdf).

There are three different approaches for testing hemocompatibility: (a) in vivo
(in animals), (b) ex vivo (test systems that shunt blood directly from a human
subject or test animal into a test chamber that is located outside the body), and
(c) in vitro (test systems with fresh, usually anticoagulant-treated blood samples).
The types of tests required by ISO 10993-4 depend on the blood contact category
of the device or material. In vivo experiments cannot focus on a single parameter of
hemocompatibility as the different blood cells/components and their versatile func-
tions act together. These complex interactions can not be significantly mimicked in
vitro. On the other hand, the in vitro experiments allow a detailed examination of
single factors involved in hemocompatibility.
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Fig. 10.8 Diagram of the clotting cascade: the intrinsic system is initiated when contact is made
between blood and the cell-denuded vessel wall. The extrinsic system is initiated by the release of
the so-called tissue factor by injured cells. The two pathways converge at the activation of factor X.
The active factor X (called Xa) activates prothrombin to thrombin. Thrombin ultimately converts
fibrinogen to fibrin and activates a fibrin-crosslinking factor (factor XIII). The developing fibrin
polymers are weaved into the thrombocyte aggregations forming a stable fibrin clot

The methods used for testing hemocompatibility are classified into different cate-
gories. These categories are (1) thrombosis, (2) coagulation, (3) platelets, (4) hema-
tology and (5) immunology. This classification is based on the different aspects and
detection methods for testing hemocompatibility.

(1) Thrombosis: Thrombosis is an in vivo phenomenon resulting in the par-
tial or complete occlusion of the vessel or device following blood coagulation.
A detached and thus moving thrombus is called an embolus. When an embolus
becomes lodged in a blood vessel it is called embolism. Depending on the affected
tissue an embolism might induce a severe life-threatening situation, such as in the
lungs or brain.

In most applications non-thrombogenic behavior of the materials is required. The
characterization of the thrombogenicity of a material includes the microscopic anal-
ysis (light, fluorescence or electron microscopic) of adherent platelets, leukocytes,
aggregates, erythrocytes, fibrin, etc. by in vitro studies. The adsorption of proteins to
the material surface and the interactions between different proteins and the material
surface has a crucial effect on the thrombogenicity of the material. Materials that
do not induce adhesion of thrombocytes by protein adsorption of plasma proteins
or by interaction of blood compounds on contacting the material are referred to as
non-thrombogenic.
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(2) Coagulation: A number of different parameters are involved in the induction
of coagulation in vivo. A simple method to examine hemocompatibility of a mate-
rial is the blood coagulation test: Blood is brought into contact with the surface and
the coagulation time is determined. The time frame for coagulation determines if
a material activates or impairs coagulation. Also, different parameters of the coag-
ulation cascade can be detected in vitro and can be quantified. Among these are
the detection of TAT (thrombin-antithrombin III-complex), and some key enzymes
of the coagulation cascade such as Xa (activated factor X), XIIa (activated factor
XII) utilized for evaluation of the coagulative capacity of a material. The so-called
“partial thromboplastin time” (PTT) is used to assess the extent of activation of
the intrinsic coagulation pathway. Therefore quickly thawed, pooled, citrated, fresh
human plasma is used and the material is brought into contact with this plasma
(37◦C). The plasma is immediately removed from the material samples and placed
on ice. Afterwards the plasma is incubated with CaCl2 and cephalin (phospho-
lipids derived from rabbit brain). The re-calcification together with the addition of
cephalin induces the clotting. The plasma samples are monitored until clot formation
is seen. The time that is needed for clot formation is recorded and gives the PTT.

(3) Platelets: The activation of platelets can be confirmed by the determination
of the number of material-adherent platelets and their degree of spreading. Further-
more, the surface expression or secretion of the platelet activation markers CD62,
CD63 and platelet factor 4 (PF4) can be useful for the evaluation of the activation
status.

(4) Hematology: Testing hemolysis (i.e. measurement of erythrocyte fragility) in
contact with materials or their extraction products is a significant screening method
used in hematology. The hemolysis tests are performed using anticoagulated blood
that is brought into direct contact with the materials or co-incubated with sam-
ple extracts. After incubation at 37◦C, the blood cells are removed by centrifuga-
tion and the supernatant is analyzed spectroscopically at 540 nm for the release
of hemoglobin. These data are compared to the corresponding positive (e.g. deion-
ized water that will cause bursting of all erythrocytes) and negative controls (e.g.
phosphate- buffered saline solution). The higher the absorption at 540 nm, the higher
the hemolytic properties of a material or its extraction products. A further aspect
in the hematology category is the evaluation of leukocyte total number. Leukocyte
counting is carried out on samples of whole blood after in vitro contact with the
material.

(5) Immunology: The complement system is part of the immune response
in the blood. It consists of a series of approximately 25 proteins that work to
“complement” the activity of antibodies in destroying bacteria. Therefore, the
unintended activation of this system by a material could induce a chronic triggering
of complement. Complement proteins circulate in the blood in an inactive form.
When the first complement member is triggered, a cascade of activation steps is
initiated. Generally the activation of the complement system is possible by two
different pathways: (1) the so-called classical pathway that is triggered by bacteria
to which antibodies are bound and (2) the alternative pathway, triggered by bacterial
components, other microorganisms and material surfaces without the assistance of
an antibody-binding (Fig. 10.9).
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Fig. 10.9 A schematic drawing of the complement system (highly simplified): the classical path-
way is induced by bacteria to which antibodies have bound. The alternative pathway is activated
by bacterial components, microorganisms and material surfaces without antibody-binding

A panel of complement proteins is available that can be utilized for the detec-
tion of complement activation in hemocompatibility testing. These different proteins
encompass the various complement activation pathways. Among these are the pro-
teins C3a, C5a, TCC (terminal complement complex), C4d, and SC5b-9. Elevated
levels of these complement components indicate the activation of the complement
system. Usually these factors are detected and quantified by enzyme immunoassays.

However, although a number of different test systems are available the evaluation
of hemocompatibility is unique in that the design of the final device can determine
its performance. Thus one needs to consider specific surface properties, stiffness,
shape etc. that may cause deleterious effects to the blood elements in addition to the
accepted hemocompatibility tests.

10.3.3 Hypersensitivity/Allergic Responses

Allergies are the most common disorder of immunity, affecting more than 25%
of the Western World population. The term allergy is used to describe the body’s
response to a substance which is harmless in itself but results in an immune response
and a reaction that causes symptoms and disease in a predisposed person. The symp-
toms of an allergy may include everything from a runny nose, itchy eyes, and skin
rash to life-threatening complications such as asthmatic attacks and anaphylactic
shock.
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Allergic reactions are usually classified by the type of tissue damage that they
cause. Some allergic reactions produce more than one type of tissue damage, and
other reactions involve antigen-specific lymphocytes (a subclass of the white blood
cells/leukocytes) rather than antibodies. There are four recognized types of aller-
gic reactions based on different subclasses of antibodies (or immunoglobulins,
Ig) and cell types that interact with each other (see also Table 10.3): (1) Type I:
Anaphylaxis (immediate-type hypersensitivity) – anaphylaxis occurs when a spe-
cific allergen combines and cross-links antibodies (i.e. the Ig-subclass IgE) affixed
to so-called mast cells; anaphylactic disturbances occur only if the body had pre-
vious contact to the allergen. Shortly after re-exposure to the allergen the reaction
occurs (within minutes, e.g. hay fever), (2) Type II: Cytotoxic Reactions – These
are antigen-antibody reactions usually mediated by IgG and IgM antibodies at cell
surfaces that result in the lysis of blood cells (red cells, white cells, and platelets)
due to the activation of complement (well-known incidences in this category are
blood transfusion reactions), (3) Type III: Immune complex reactions – These are
antigen-antibody reactions mediated by IgG and IgM. The reactions produce toxic
antigen-immunoglobulin complexes that can circulate in the blood. In these cases,
the complexes cause damage by adhering to blood vessel walls and initiating an
inflammatory response (such as vasculitis), (4) Type IV: Delayed-type hypersensi-
tivity or cell-mediated immunity reactions – These are reactions between antigens
and sensitized antigen-specific T lymphocytes (subclass of leukocytes), but not anti-
bodies. The reaction subsequently releases inflammatory and toxic substances, and
lymphokines that attract other leukocytes. The induction of hypersensitivity is called
sensitization. Clinical examples include transplant rejection, and contact dermatitis

Table 10.3 Types of allergic response

Type Name Initiation time Mechanism Clinical examples

I Anaphylaxis 2–30 min Antigen induces
cross-linking of IgE
bound to mast cells

Anaphylactic shock,
hay fever, eczema

II Cytotoxic
reactions

5–8 h Antibody directed
against cell surface
antigens mediates
cell destruction

Blood transfusion
reactions,
autoimmune
haemolytic
anaemia

III Immune
complex
reactions

2–8 h Antigen-antibody-
complexes induce
release of
inflammatory factors
by various cells

Disseminated rash,
arthritis, glomeru-
lonephritis

IV Delayed type
hypersen-
sitivity

1–3 days (3–4
weeks for
granuloma)

Antigen-specific T
lymphocytes activate
leukocytes by release
of inflammatory
factors

Contact dermatitis,
tuberculin
reaction,
granuloma
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in response to metals such as chromium, cobalt and nickel. Type I and Type IV
reactions are the most common.

Most allergens are proteins. However, non-protein “allergens” (in quotes since
this term is usually reserved for the inducers of IgE reactions, therefore better: sen-
sitizer) also exist. These non-protein sensitizers include nickel, chromium, cobalt,
gold, palladium ions, and other metals and metal-containing substances [15]. Due
to their small size these metals referred to as “haptens”, in that they must bind to
a protein in order to become allergenic [16]. Furthermore, acrylic compounds [17],
epoxy moieties [18], and Teflon implants, and a few mineral substances are shown
to induce hypersensitivity [19]. Most of these non-protein compounds do not cause
Ig reactions. Thus, most allergic reactions induced by implanted artificial materials
are Type IV reactions, which belong to the cell-mediated immunity reactions and do
not involve Ig.

In the early 1970’s it was observed that metallic materials used in bone surgery
could cause the development or an increase in contact dermatitis [20, 21]. From this
it was concluded that contact hypersensitivity to metals might explain some ortho-
pedic complications. This was supported by the fact that in patients developing such
complications after implantation of metallic devices, a positive contact dermatitis
(detected by the so-called patch test) with metals was more frequent than in other
patients [22]. Hypersensitivity reactions usually occur as a result of repeated or pro-
longed contact with sensitizing compounds (such as with an implant). Biomaterials
and devices that cause sensitization reactions do so by means of the extractable
compounds.

To exclude a hypersensitivity-inducing potential of materials different test sys-
tems have been developed. Methods for performing such tests are described in ISO
10993-10 (Biological evaluation of medical devices – Part 10: Tests for irritation
and delayed-type hypersensitivity) [23]. Due to the complexity of reactions in sen-
sitization appropriate in vitro methods are not available. However, there are different
methods for testing the hypersensitivity/sensitization-potential of materials in ani-
mals. Most of those reactions to biomaterials are Type IV reactions (cell mediated
immunity) and are tested on the skin of laboratory animals. Dermal hypersensitivity
reactions in laboratory animals are marked by redness and swelling. Biomaterials
and other device materials are tested for the presence of sensitizing chemicals using
guinea pigs, a species known to be nearly as responsive to dermal sensitizers as
humans.

The repeated-patch test method (also called Buehler-test) involves exposing the
skin of guinea pigs directly to the test material under occlusive dressings for a
minimum of 6 h [24]. This procedure is repeated three times a week for three weeks
(induction phase). Following a two-week rest to allow for the development of a
delayed response (recovery phase), the animals are exposed to a patch of the bio-
material (final exposure). The repeated-patch model is used primarily for topical
devices such as dermal electrodes, since this method of applying test materials to
the animals simulates clinical use.

A further test system that is based on guinea pigs is the maximization test method
(called guinea pig maximization test/GPMT, described by Magnusson and Kligman)
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[25]. In this case extracts of the test material are prepared in saline and vegetable
oil and guinea pigs are exposed repeatedly to the extracts. The guinea pigs are first
injected with an extract along with an adjuvant intended to enhance an immune
response, and then receive a topical application. Following a two-week recovery
phase, the animals are covered with a topical patch containing the extract. Gener-
ally considered more sensitive than the repeated-patch model, the maximization test
is used for device materials that will contact areas other than skin. The use of both
a saline extract and an oil extract simulates extraction by body fluids and by intra-
venous liquids and other pharmaceutical products that first contact the device and
then the patient. Both guinea pig sensitization tests require nearly two months and
thus take the longest time to complete of all the biocompatibility tests described
in the 10993 standards. In both techniques, the area of the challenge patches is
examined for reactions (redness and swelling) that are not present in negative-
control animals. In addition, known sensitizing chemicals are used periodically to
validate the methods.

Human allergens generally sensitize guinea pigs although this animal is known
to be less sensitive than the human. However, some substances known to be human
sensitizers have failed to sensitize guinea pigs. These include some metals, drugs,
latex-based products and macromolecular proteins such as collagen [26]. Thus,
these methods are not perfect in their ability to detect weak sensitizers or chemi-
cals, and they do not detect chemicals that act as adjuvant, enhancing an immune
response to other chemicals to which a patient might be exposed. To overcome these
problems additional test methods have been developed. One of these tests is the
local lymph node assay (LLNA) in mice [27]. The LLNA has been validated for
pharmaceutical and agricultural chemicals. In contrast to the classical sensitization
tests no complete sensitization has to be caused in the animal. In the LLNA, the
ears of mice are treated with the extract/chemical and then the surrounding lymph
nodes are examined for a lymphocyte proliferative response as demonstrated by
the accumulation of radio-labeled DNA constituents (uptake of the labeled con-
stituent if there is a lymphocyte activity induced by the tested compound). This
testing method is also mentioned in the Annex of ISO 10993-10 [23]. However,
one should keep in mind that no single test method will adequately identify all sub-
stances with a potential for sensitizing human skin and which is relevant for all
substances. Much effort also has been devoted to developing in vitro alternatives to
the guinea pig sensitization models, but thus far no suitable replacements have been
identified.

10.3.4 Genotoxicity

A further striking issue of biocompatibility testing is the detection of genotoxi-
city. Genotoxicity is defined as any toxic modification of the structure or func-
tion of the genetic material, the DNA. DNA contains the instructions for all cel-
lular activities. These instructions are encoded within sections of DNA devoted
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to each specific function, the genes. Specific units consisting of many genes are
called chromosomes. The number of chromosomes is defined for each species (e.g.
46 chromosomes in humans, 78 in dogs). An alteration in any part of the DNA
that results in permanent changes in cell function is called a mutation. The agents
that cause such mutations are known as genotoxins. The rationale for the testing
of a biomaterial’s genotoxic potential is the concern for the ability of a bioma-
terial to induce cell death based on genetic mutation or to initiate a malignant
transformation (i.e. cancer). DNA modifications can have permanent inheritable
effects on genes and on chromosomal structure or number (chromosomal aberra-
tion). DNA single or double strand breaks, base modifications or deletions, intra-
or interstrand DNA-DNA or DNA-protein cross-links constitute the major lesions
which can lead to cell death or result in mutational events which in turn may initiate
cancer [28].

There are different levels of genetic variations that can occur as specified above.
These different levels can be detected in vitro and in vivo (Table 10.4). Again, no
single assay is capable of detecting all types of DNA damage; therefore, the uti-
lization of different test systems is generally recommended. In vitro tests in each
category can be conducted using microorganisms or mammalian cells and in vivo
tests systems (mostly with rodents) are also available which are usually performed
subsequently to the in vitro assays. In the following a number of established tests
for genotoxicity detection are described.

A gene mutation test can be used for the detection of so-called point muta-
tions. Point mutations are characterized by minor alterations of the DNA molecule
(e.g. substitution, addition or deletion of base pairs) and these mutations can be
detected by the so-called reverse mutation test (previously known as the Ames test)
[29, 30]. This assay is commonly employed as an initial screening for genotoxic
activity and, in particular, for point mutation-inducing activity. The principle of the
test system is based on genetically-modified bacterial cells that are deficient in his-
tidine biosynthesis. These bacterial cells do not have the ability to grow without the
supplementation of histidine. If these bacteria are exposed to the test substance and
regain the possibility to grow without the addition of histidine, this indicates that a
material-/compound-induced genetic transformation most likely occurred.

A test method that can be utilized in vitro as well as ex vivo is the so-called
unscheduled DNA-synthesis test (UDS). UDS is the term used to describe the repli-
cation of DNA during the repair of DNA damage and as such is distinct from
the DNA replication which is confined to cell proliferation. The test is based on
the incorporation of radioactive labeled thymidine into the DNA of non-dividing
mammalian cells [31]. Thus, the higher the amount of incorporated radiolabeled
thymidine, the higher the DNA repair activity and consequently the higher the geno-
toxicity of the tested compound. A further assay that detects DNA strand breaks is
the Comet assay (also known as single cell gel electrophoresis). In case of a severe
damage of DNA an increase of DNA fragments occur. These DNA fragments can
be detected and visualized. The name Comet assay is based on the appearance of a
characteristic streak similar to the tail of a comet. This assay can be utilized in vitro
as well as in vivo [32].
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Further detection methods for mutagenesis are the in vitro mammalian cell gene
mutation tests (to which the well known mouse lymphoma assay/MLA belongs).
The assays of this category work by a comparable principle in that heterozygous
deficient cell lines (e.g. the mouse lymphoma cell line L5178Y) are utilized. These
cell lines have heterozygous deficiencies in specific enzymes due to mutations. For
example, L5178Y cells have deficiency in thymidine kinase (TK, the heterozygous
mutated L5178Y cell line is denoted as tk+/–). The principle of this test method is
based on the fact that tk+/+ and tk+/− cells arrest their growth totally in the presence
of the pyrimidine analogue trifluorothymidine (TFT), whereas the tk−/− cells are
not susceptible to the cytotoxic effects of TFT. Thus, homozygous mutant cells are
able to survive and proliferate in the presence of the selective agent TFT, whereas
non-mutant and heterozygous cells (tk+/+ and tk+/−), which contain TK, are not [33].
For testing the mutagenic activity of a compound or its extract, respectively, known
numbers of the heterozygous tk+/− cells are exposed for a suitable period of time
(with and without the selective agent TFT) and subcultivated to determine cyto-
toxicity and to allow phenotypic expression of potentially induced mutations. After
approximately 2 weeks colonies are counted. The mutant frequency is derived from
the number of mutant colonies in selective medium and the number of colonies in
non-selective medium. Thus, the higher the colony formation of the tk+/− cell strain
in the presence of the test compound and the selective agent, the higher the muta-
genicity of the compound. The range of genetic mutations detected with the MLA is
broad: the MLA measures either gene mutations or heritable chromosomal events,
including genetic events associated with carcinogenesis [34].

A further possibility for testing genotoxicity in vitro is the chromosome aber-
ration test (CAT). The purpose of this method is to identify compounds that cause
structural chromosome aberrations in cultured mammalian (human) cells. Chromo-
some aberrations and related events appear to cause alterations in genes regulating
the cell cycle of somatic cells and are thus involved in the induction of cancer in
humans and experimental animals. The test principle is based on the exposure of
accepted cell cultures (e.g. cell lines, strains, or primary cells may be used) to the
test compound. At predetermined intervals the cells are treated with a cell cycle-
arresting substance (i.e. colchicin, a poison that does not allow the last steps of
the cell cycle to proceed; colchicin arrests the cells in metaphase). Since the chro-
mosomes are highly condensed in the metaphase, a microscopic analysis for the
occurrence of chromosome aberrations can be performed.

Interestingly, both the CAT and the MLA often yield similar results. Therefore
the utilization of both in the course of biomaterial testing may not be reasonable.
Besides these above mentioned in vitro test systems a number of other assays are
utilized to analyze genotoxic and/or mutagenic effects. One example is the so-called
sister chromatid exchange assay (SCE) [35]. This assay examines the reciprocal
exchanges between two sister chromatids of a duplicating chromosome. Through the
use of special staining techniques the sister chromatids display differential staining
in case of an exchange, permitting enumeration of SCE. The molecular basis of
these mutations remains unknown, although it is presumed to involve complex DNA
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breakage and reunion processes [36]. The SCE assay is usually performed on human
peripheral blood lymphocytes.

A genotoxicity testing method that is intended for in vivo application is the mam-
malian erythrocyte micronucleus test. Micronuclei are small nuclei, separated from
and additional to the main nuclei of the cells (1/5 to 1/20 the size of the nucleus).
The micronuclei develop during cell division by lagging chromosome fragments or
whole chromosomes by chromosome breaks or dysfunction of the spindle appara-
tus. For this test method mammalian erythrocytes are utilized. When the erythrocyte
progenitors (the erythroblasts) develop into polychromatic erythrocytes (intermedi-
ate stage in the development of erythrocytes), the main nucleus is extruded but the
already present micronuclei remain. Thus, an increase in the number of micronucle-
ated erythrocytes is an indication for a genotoxic potential of the compound tested
[37]. This method is especially relevant for assessing the mutagenic hazard of the
test compound. Cells derived from bone marrow or peripheral blood can be used for
this analysis. Usually mice are used for testing the effects in peripheral blood. For
testing in bone marrow both mice and rats are recommended.

10.3.5 Tissue Specific Aspects of Biocompatibility Testing

The potentially broad applicability of biomaterials requires that the construction
of the medical device and the testing scheme has to be adapted to the intended
implantation site. As we have seen before, the problems in hemocompatibility test-
ing deviate strongly from those of tissue compatibility for example. Therefore, as
example, materials that are intended for utilization as a vascular implant must be
tested by different biocompatibility tests than a material that is produced for a metal-
lic hip prosthesis. The reasons for this are due to the different cell types and protein
subsets that the material comes into contact with. However, different tissues also
show large discrepancies regarding their requirements. For example soft tissue and
hard tissue (bone) implants: soft tissue-implants destined for utilization in extensive
injuries such as deep burns and lacerations need to permit filling of large defects
and allow the ingrowth of adequate cells and blood vessel formation. In contrast to
this, the routinely utilized metallic implants are not intended for cellular ingrowth.
Furthermore, materials for soft tissue implants have to be soft and flexible, similar
to the tissue that is to be replaced, whereas the materials for hard tissue replacement
must fulfill the mechanical tasks of bones and withstand high mechanical forces.
Mechanical forces are an important aspect in the field of biocompatibility, and due
to the intensity of these forces especially in the field of osteocompatibility and odon-
tocompatibility (i.e. the material’s compatibility to perform with bone and tooth
tissues).

Some similarities in the response of an implant are exhibited by all tissue types.
The initial response after the insertion of any biomaterial leads to an injury that
is accompanied by blood clotting, inflammation, the recruitment of inflammation-
involved cells and afterwards by the development of the provisional tissue (the
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so-called granulation tissue). These first steps occur regardless of the materials
and the implantation site. However, the character and the course of the following
repair processes depend once again on the type of tissue and the localization of the
implant.

10.4 Animal Experimentation

Animal studies are used to determine the in vivo compatibility of biomateri-
als/medical devices and are performed prior to human testing to help predict the
human response. Animal studies should only be performed when the information
required is essential to characterize the test material and when no suitable scientif-
ically validated in vitro test method is available. Furthermore, animal experiments
shall not be performed before appropriate in vitro tests have been carried out, and
the results have been evaluated.

In the course of the already described biocompatibility issues different in vivo
assays have also been mentioned. This includes tests for sensitization, irritation,
intracutaneous reactivity, subacute, acute and chronic toxicity, hemocompatibil-
ity, genotoxicity, implantation, carcinogenicity, reproductive and developmental
toxicity, and biodegradation. The selection and design of animal tests should be
appropriate and address the specific scientific objectives of the study. Furthermore,
minimizing the pain, suffering, distress or lasting harm that might be inflicted on the
test animals is a fundamental requirement of all regulating organizations (e.g. [38]).
These fundamental requirements have to be applied and are regulated by respective
supervisory authorities. The type of authority and the specific needs for the applica-
tion of animal studies depends on each country. The responsible investigator has to
verify that animal care is appropriate and medical care is guaranteed prior to, during
and after the experiments.

The use of appropriate animal models is an important consideration in the safety
evaluation of medical devices. Different animal models are typically used for spe-
cific applications. Examples for subject-bound animal models are the sensitization
test in guinea pigs (see Section 10.3.3), the testing of irritation and intracutaneous
reactivity, intramuscular implantation and pyrogenicity in rabbits, and subacute,
acute, and chronic toxicity in mice and rats. In addition, the in vivo assessment of the
functionality of medical devices is also being performed in sheep, dogs, pigs, and
calves. Sheep are commonly used for the evaluation of heart valves since the sizes
are nearly proportional to human dimensions. Furthermore, pigs are often used for
the in vivo testing of vascular grafts and artificial hearts are mainly tested in calves.
Because of the homology to humans, the most appropriate animal models are pri-
mates. However, ethical concerns regarding the utilization of intelligent animals and
the costs of purchasing and maintaining such primate colonies are substantial.

The acquisition of the animal experimental data depends on the type of test: for
example the sensitization in guinea pigs can be detected on the skin by redness
and swelling, the pyrogenicity (fever inducing capacity) of a material is usually
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detected by rectal temperature control in rabbits. The analyses of body tissues that
are exposed to materials are more complex and must be analyzed by histological
means. For example, the tissues are analyzed for the occurrence of inflammatory
cell populations. It should be noted, however, that whereas a positive response to a
material (i.e. a pathological reaction in the animal) can be interpreted relatively eas-
ily, the absence of a response in the animal does not necessarily prove compatibility
in humans. In conclusion, animal experiments are expensive, complex and difficult
to interpret and require experienced personnel and expertise. However, if performed
properly they are useful and necessary prior to human trials.

10.5 Alternatives to Animal Experimentation

As mentioned above the demand for the utilization of alternatives to animal stud-
ies is a high priority. All in vitro tests addressed in the previous sections are
approved alternatives to animal testing since they give information about possible
cellular impairment induced by the material or its extraction product prior to ani-
mal testing. However, these in vitro test systems are based on the utilization of
one cell type (bacterial or mammalian) and do not reflect the complexity of the
multicellular/multitissue-organism, the human body.

More recently, more complex in vitro test systems working with multiple
(human) cell types have been added as alternatives. These are to a degree under
consideration and partially validated and accepted by different regulating organi-
zations. Examples for these are the human skin equivalent tests (e.g. EpiDermTM,
EpiSkinTM). These tests consist of normal, human skin cells, which are cultured to
form a multi-layered model of human skin. The significance of these human skin
equivalent tests has been established through validation studies by the European
Centre for the Validation of Alternative Methods (ECVAM) in Ispra, Italy. These
three-dimensional models allow the application of the test material directly to the
“artificial skin” surface and permit the assessment of dermal toxicity via different
parameters (cytotoxicity, histological examination, detection of inflammatory medi-
ators etc.) [39].

Medical devices that come into direct or indirect contact with blood must be
examined for pyrogens. Pyrogens are defined as fever-inducing substances. Pyro-
gens can be components of the cell wall of Gram-negative bacteria (endotoxins)
or chemical compounds. In the past pyrogen testing was always performed in rab-
bits (see Section 10.4). Fluid extracts of the test materials were administered intra-
venously to rabbits and afterwards the animals ŕectal temperature was monitored
over the course of several hours. A significant rise in temperature indicated the pres-
ence of pyrogens. However, this test is subjected to well-documented drawbacks,
including marked species and strain differences in sensitivity [40]. In addition to
this conventional pyrogen test system alternative methods are currently available.
Alternatively to the rabbit test, the limulus amoebocyte lysate (LAL) test is used.
The LAL test is based on the blood cells of the Horseshoe crab Limulus polyphe-
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mus. It has been shown that the blood lysates of Limulus exhibit clotting after con-
tact to the above mentioned endotoxin. Thus, the LAL test detects only one specific
pyrogen, the endotoxin. As a replacement method for pyrogen animal studies the
so-called human whole-blood test (also in vitro pyrogen test (IPT)) has been devel-
oped and validated. The materials to be examined are incubated in human whole
blood containing a number of different, relevant cell types (see Section 10.3.2). The
blood is then examined for its pro-inflammatory response, the release of the pro-
inflammatory cytokine IL-1β by an enzyme-linked immuno-assay (ELISA). Beside
the aspect of replacement of animal studies, the test method possesses further advan-
tages: i.e. that the system is of human origin and can be used for all potential pyro-
gens (not only bacterial cell wall components like in the LAL test) [40, 41].

Other complex in vitro models utilizing human cells are accepted for research
purposes but have not yet been certified for the testing of medical devices. An
example of such a model is shown in Fig. 10.10. This in vitro model examines
the capability of human endothelial cells (the cells that line the blood vessels) to
form new blood vessels, a process that is called angiogenesis. Angiogenesis is a
fundamental requirement in wound healing. This model system of angiogenesis in
vitro makes use of human endothelial cells suspended in a matrix of extracellular
proteins (fibrin and collagen) resembling the wound healing matrix. After the addi-
tion of specific angiogenesis-inducing factors in vitro capillaries evolve within a
few days (Fig. 10.10a). If performed on a titanium surface (commercial pure tita-
nium/cpTi) the cells develop the normal capillary phenotype (Fig. 10.10b). Cells
on a Co28Cr6Mo-alloy exhibit striking deviations compared to the other two sur-
faces: the formation of in vitro capillaries is completely inhibited, whereas the
cell viability is not impaired (Fig. 10.10c). Since angiogenesis is fundamental in

Fig. 10.10 A model of angiogenesis for use in vitro for biocompatibility studies. (a) human
endothelial cells embedded into a three-dimensional matrix consisting of fibrin and collagen.
After stimulation with angiogenesis-inducing factors the cells form in vitro capillaries within
5–7 days; (b) angiogenic-stimulated endothelial cells on a cpTi-surface; (c) endothelial cells on
a Co28Cr6Mo-alloy exhibit striking deviations compared to the other two surfaces (digital overlay
of a vital and a nuclear staining)
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wound healing, the impairment of the angiogenic capacity of endothelial cells by
a material could lead to the disturbance of wound healing and aseptic implant
loosening [42].

Other complex in vitro models are also currently under validation for approval
in the biocompatibility safety testing program. With increasing knowledge in this
field and concerted, stringent validation processes the number of relevant approved
alternatives to animal testing should increase within the next years. In conclusion,
these alternative methods are beneficial for the replacement and reduction of ani-
mal testing and are often superior to animal studies. However, despite progress and
considerable effort in this direction, currently no satisfactory in vitro test system has
been devised to completely eliminate the requirement for in vivo testing.
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Chapter 11
Biomaterials for Dental Applications

Sarit B. Bhaduri and Sutapa Bhaduri

11.1 Introduction

Based on population projections, the number of teeth at risk for dental disease in
1980 was 2.8 billion for those over the age of 65, and is expected to increase to
5 billion teeth at risk by 2020 [1]. Dental materials are going to play an important
role in the treatment of such ailments. As a matter of fact, dental materials have a
long checkered history. From a historical viewpoint, many different materials, both
natural and artificial, have been used in treating various oral disorders. Obviously
for the materials to succeed, they have to be at least biocompatible and should be
able to bond with teeth or bone. These materials should appear like natural tooth, if
visible, and exhibit properties similar to those from various parts of a tooth.

While dental materials are, in general, classified as preventive materials or
restorative materials, the primary use of dental materials is for restoration. Den-
tal restorative materials are made up of different types of materials such as metals,
ceramics, polymers, and composites. The selection of the type of dental restora-
tive material is dependent on many factors, such as the patient, the dentist, the
material, and characteristics of the tooth itself. Important parameters for choosing
dental restorative materials include strength, hardness, wear resistance, chemical
resistance, and esthetic appearance. Metals are primarily used where strength and
durability are needed. Typical uses of metals include amalgams, casting alloys, and
porcelain fused to metal (PFM) restorations. Ceramics are also used as in conjunc-
tion with metal as PFM or as stand-alone all-ceramic materials. They are used where
chemical durability and esthetics are important. They are used as veneers, crowns, as
protective layers etc. Polymeric materials are used as cements and as cavity fillings
in conjunction with particulate ceramic filler materials. Polymers are useful because
of esthetics and adhesion properties.

This chapter will review important features of metals, ceramics, polymers, and
composites in restorative dentistry. The subsections will describe the composi-
tions, the relevant materials, scientific aspects, and related materials properties.
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Where appropriate, specialty processing techniques associated with manufactur-
ing/fabrication will be described.

11.2 Historical Perspectives

The use of both artificial as well as natural materials in dentistry is well known for
about 5,000 years [2]. Around 700 B.C. Etruscans used elephant or hippopotamus
ivory to construct partial dentures fixed to natural teeth by gold wires. Cavities in
teeth were filled with a range of materials such as gum, metals, ivory, etc. Fossil
evidence indicates that 2,000 years ago, the art of dental implantology was already
taking off by replacing lost teeth with alloplastic or homologous materials such as
human and animal teeth, carved human and animal. These replacements were not
only functional but they were used to meet esthetic needs. Ancient dental implant
designs emerged in the Middle East, Western Europe, Asia, and Central and South
America [3].

About 1,000 years ago, the Spaniard Alabucasim recommended the replace-
ment of teeth by transportation (transfer of living tissue), indicating that this was
an acceptable strategy for replacing missing teeth. Several hundred years ago in
France and England, it was fashionable to replace lost teeth with transplanted teeth
obtained from young people who were paid for their extracted teeth [4]. In 1774,
Duchateau and de Chemont developed a process for making porcelain dentures.
In 1808, Fonzi, an Italian dentist produced an individual porcelain tooth. In 1816,
Taveau developed the first amalgam in France. A widespread use of vulcanized rub-
ber dentures took place after Charles Goodyear invented the material in 1839. In
1843, Giovanni d’Arcoli showed how to use gold foils in filling cavities.

These are some of the very important milestones of dental materials develop-
ments, especially in restorative dentistry, and laid the foundation for the further
developments of science and technology, as we know today.

11.3 Metals for Dental Application

Metals are used in dentistry because of their strength and durability. However, met-
als lack proper appearance and chemical durability. The current status is that virtu-
ally all metallic materials are suitable for use with minimal risk. However, complete
elimination of “toxic” elements from all dental materials should be an everlasting
goal.

11.3.1 Amalgams

Since 1895, dental amalgams have been used by dentists as direct filling materials
[5]. Thus, these materials have a proven track record of more than 200 years. In
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spite of concerns about the presence of Hg, it is still safe to use, easy to manipulate,
inexpensive and durable. This is in spite of the competition from composites and
glass-ionomer restorative materials. Some patients prefer amalgams to other alter-
natives because of their safety and cost-effectiveness.

Dental amalgams are formed by chemical reactions of Hg with intermetallic com-
pounds in the Ag––Sn system as well as Cu. The reaction of liquid Hg with solid
particles is known as amalgamation (also known as trituration). Mercury makes up
about 45–50% of a typical amalgam composition. Once the amalgamation reac-
tions are complete, the mixture is placed into the patient’s teeth under pressure. The
mixture solidifies and within a few minutes the amalgam increases in strength and
hardness. In an ideal situation, an amalgam should retain its dimensions throughout
the restoration period. However, in reality this is not the case. A variety of factors
lead to dimensional changes causing several complications. For example, contrac-
tion results in microleakage, plaque accumulation, etc.

The various important phases that take part in the amalgamation process are
shown in Table 11.1. In a typical low copper composition, the following reaction
occurs [6]:

γ + Hg → γ1 + γ2 + γ (remnant)

The microstructure consists of γ embedded in the matrix of γ1 and γ2. Cu and Zn,
although present in minor amounts, play important roles. Cu improves the physical
properties of amalgams and hence high Cu containing compositions were developed
[7]. The high Cu containing amalgams do not contain γ2 phase. This is because Sn
preferentially reacts with Cu to produce the η phase.

The shape of the original γ particles and Cu content classify the amalgams.
Depending on how they are processed, particles are referred to as lathe-cut (elon-
gated particles) and spherical (produced by the atomization process). These are
available in traditional as well as high copper compositions. Finally, the lathe-cut
and spherical powders can be admixed. The properties of such compositions are
given in Table 11.2. Most of the modern alloys are high Cu containing alloys.

The reaction between Hg and γ particles are performed in mechanical amalgam-
ators. These motorized machines vibrate at a very high speed to mix the Hg and γ

Table 11.1 Symbols and stoichiometry of phases that are important in dental amalgams [5]

Phases in amalgam alloys and set dental amalgam Stoichiometric formula

γ Ag3Sn
γ1 Ag2Hg3

γ2 Sn7–8Hg
ε Cu3Sn
η Cu6Sn5

Silver––copper eutectic Ag––Cu
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Table 11.2 Physical properties of dental amalgams [5]

Dimensional
Compressive strength Tensile strength change

Type (MPa) (1 day) (MPa) Knoop hardness Creep (%) (μm/cm)

TL 430 52 146 2.05 8
TS 444 55 174 0.21 0
HCS 486 63 173 0.07 −7
HCL 477 45 174 0.17 5
HCB 434 50 155 0.24 −7
GA 383 57 – 0.17 16

TL – Traditional lathe cut, TS – Traditional spherical, HCS – High copper spherical, HCL – High
copper lathe cut, HCB – High copper blend, GA – Alloy for gallium amalgam.

particles placed within a vial. For proper mixing, it is important to pay attention to
the amalgamation time so that all the free Hg is consumed. Once the proper mix is
obtained, it is condensed into the properly prepared cavity. Either hand condensation
or mechanical condensation can be used.

As an alternative to the Hg-containing amalgams, gallium alloys were developed
using the fact that Ga is a very low melting point metal [8]. Ga can be amalgamated
with silver-tin-copper alloys in the same conventional fashion. The commercial
compositions contain significant amounts of Pd to improve the corrosion proper-
ties. After triturating, the resulting microstructure consists of CuGa2 and PdGa5

surrounding the unreacted alloy particles within a mixture of Ag9Iu4.

11.3.2 Biocompatibility of Dental Amalgams

The usage of dental amalgam has remained a controversial issue. According to
the U.S. Public Health Service, dental amalgams do not possess any immediate
health hazard. However, studies found that mercury amalgams are unstable due to
mercury’s low vapor pressure and galvanic action, resulting leaking mercury vapor
continuously into the lungs and saliva. [9]. There is no evidence in the published
literature that shows that the minute amount of mercury can cause poisoning to
patients, except for those who have allergic reaction to mercury [10].

11.3.3 Casting Alloys

Along with amalgams, various casting alloys play an important role in restorative
dentistry. From an historical viewpoint, Taggart introduced the cast inlay fabrication
in 1907 [11]. He practiced the “Lost Wax (Investment)” casting technique and since
then, it remains as an important technique for the fabrication of restorations. The
casting alloys can be subdivided into all-metal restorations, porcelain fused-to-metal
(PFM) restorations and soldering alloys.
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The alloys can also be grouped in terms of their compositions. American Dental
Association (ADA) classifies them as High Noble (HN), Noble (N), and Predomi-
nantly Base Metal (PB) [12]. According to the periodic table, the eight noble metals
are gold, silver, and the platinum group metals. However, in an oral environment,
silver is not necessarily considered noble. According to the ADA specifications,
HN must contain more than 40 wt% of gold and the rest can be either gold or plat-
inum group metals. Noble group should contain more than 25 wt% of noble metals,
while predominately base metals (PB) should contain <25 wt% of noble metals.
Table 11.3 describes various alloy systems in all-metal and PFM restorations. This
discussion will begin with NB and N and ending with PB materials.

For use in restorative dentistry, the casting alloys must satisfy many differ-
ent criteria. These criteria include biocompatibility, corrosion resistance, tarnish
resistance, allergenic reactions, esthetics, thermal properties, melting temperatures,
extent of shrinkage, strength requirements, castability, bonding to porcelain, and
economical aspects.

The casting alloys are further classified according to their mechanical properties.
According to the ISO/DIS 1562 standard for casting gold alloys, several types of
alloys are proposed [12]. These are:

• Type I (low strength) – for making castings subjected to very low stress (in
inlays), with minimum yield strength of 80 MPa and a minimum p.c. elongation
of 18%

• Type II (moderate strength) – for castings subjected to moderate stress (inlays,
onlays, and full crowns) with a minimum yield strength of 180 MPa, and mini-
mum p.c. elongation of 10%

• Type III (high strength) – for castings subjected to high strength (onlays, thin
copings, and full crowns), the minimum yield strength is 270 MPa, and the min-
imum p.c. elongation is 5%

Table 11.3 Classification for full-metal and PFM restorations

Metal type All-metal restorations PFM restorations

High noble (HN) Au––Ag––Pd Pure Au (99.7 wt%)
Au––Pd––Cu––Ag Au––Pt––Pd
HN metal-ceramic alloys Au––Pd––AgAu––Pd

Noble (N) Ag––Pd––Au––Cu
Ag––Pd
Noble metal-ceramic alloys

Pd––Au
Pd––Au––Ag
Pd––Ag

Predominately base metal (PB) Cp––Ti
Ti––Al––V
Ni––Cr––Mo––Be
Ni––Cr––Mo
Co––Cr––Mo
Co––Cr––W

Cp––Ti
Ti––Al––V
Ni––Cr––Mo––Be
Ni––Cr––Mo
Co––Cr––Mo
Co––Cr––W
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• Type IV (extra high strength) – for castings subjected to very high stress (partial
denture framework) with minimum yield strength of 360 MPa and the minimum
p.c. elongation of 3%

Types I and II are mostly used for inlays and their use is becoming lesser with
the esthetically appealing natural looking materials. Types III and IV have the capa-
bility to strengthen due to several solid state transformations resulting in their high
strength.

As shown in Table 11.3, all-metal restorations do not have the characteristics
necessary for the PFM applications. This is because PFM-capable alloys must sat-
isfy additional criteria in order to be compatible with porcelain. These require that:
(1) the alloys melt at temperatures above 1,100 ◦C; (2) they form thin stable oxides
to promote atomic level bonding with porcelains; (3) they are compatible with ther-
mal expansion coefficients in metal and porcelain (between 12.7–14.8 × 10−6/◦C
for alloys and 10.8–14.6 × 10−6/◦C for porcelains; (4) they minimally creep or sag
during firing of porcelains.

As seen in Table 11.3, at least three different classes of predominantly base metal
(PB) alloys are used. These are cobalt-chromium, nickel-chromium, and titanium
alloys. The former two are mostly used in metal-ceramic restorations and rarely used
for all-metal restorations. All of these alloys were developed for restorative dentistry
applications in the mid-1970s when the price of gold increased rapidly. Chromium
provides tarnish and corrosion resistance of these alloys. Cobalt and nickel increases
the Young’s moduli of Ni-Cr alloys and can be further sub-divided into beryllium-
containing alloys and those containing no beryllium. Be addition decreases the melt-
ing point of alloys, which is useful for PFM applications.

11.3.3.1 Titanium and Related Alloys

Titanium has widespread uses in dentistry, which necessitates a separate section.
Titanium is light, strong, ductile, and corrosion resistant [13]. Titanium’s high
strength-to-weight ratio has been a major reason for titanium’s popularity. In the
early 1950s, the newborn jet aircraft industry led to the rapid growth in titanium
development technology. Starting in the 1960s, industrial uses of titanium began to
become significant. Titanium was found to be one of the most “corrosion-resistant”
structural metals, and marine applications such as power plant heat exchangers and
water jet propulsion systems started using them [13].

Health conscious patients and dentists alike are becoming more and more
demanding in their quest to attain the “smile of the future.” Both are demand-
ing a high degree of comfort and 100% organic compatibility. While titanium
can match these demands, other dental alloys can cause unpleasant side effects
of chemical and physical reactions in the mouth. Thus, modern dentistry is
increasingly turning to titanium as an alternative to other conventional dental
alloys.

In comparison to gold alloys, titanium yields a wider range of strength proper-
ties at a specific gravity that is four times less than gold. These physical proper-
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ties allow for stronger and lighter crown and bridge frameworks. For the sensitive
mouth, titanium is the best solution, and is especially suitable for patients suffer-
ing from allergies. Because of its low weight, the new titanium prosthesis causes
little inconvenience to the patient. Its low thermal conductivity means that hot
and cold foods can be enjoyed without discomfort. For the patient, these bene-
fits add up to a new confidence level, providing a greater quality and enjoyable
lifestyle.

Titanium has been established to be “biocompatible” with the human body and
is classified as “hypoallergenic”. Titanium is totally resistant to attack by bodily
fluids and is not recognized as a foreign material when utilized in implants such
as artificial hips, pins for setting bones and other biological implants. In dentistry,
titanium actually encourages bone to grow to it, and the rapid growth in popularity
of dental implants can be attributed in large part to titanium. With the application of
unique, new dental porcelains to titanium, dentist can prescribe the most advanced
and biologically safe porcelain to metal crowns and bridges [12].

Commercially pure (CP) with 99% titanium, and small quantities of Fe, C, O,
N, H has five different grades (1–4 and 7) depending on the oxygen and iron con-
tent. The strength goes up from grade 1 to grade 4 [12, 13]. The most significant
advantage of Ti is the presence of a thin passivating oxide film on its surface, which
provides it a very high corrosion resistance. However, the most important disadvan-
tages of Ti are its reactive nature at the high melting point of 1,668 ◦C, which needs
special atmosphere during casting.

Titanium undergoes phase transformations from α phase (HCP) at 885 ◦C to β

phase (BCC) structure. Alloying additions stabilize various phases. While vanadium
stabilizes the β phase, aluminum stabilizes the α phase. Thus the most important
alloy Ti––6Al––4 V is an α–β alloy. Table 11.4 lists the physical and mechanical
properties of Ti and representative alloys.

As noted before, an oxide layer (TiO2) of 3–5 nm that forms on the surface
makes Ti and its alloys extremely corrosion resistance. This is called the passive
condition of titanium. Both CP titanium and its alloys have been shown to be bio-
compatible. The chemical inertness of implant material plays a very important role
in long-term clinical success of osseointegrated implants. It is well known that
most implant materials leak ions into the tissues. Some undesirable biological effect
include: (1) alteration of fibroblast and calcium deposition during osteogenesis; and
(2) peri-implant bone formations and the deposition of calcium ions on titanium
surface.

Table 11.4 Physical and mechanical properties of Ti and its alloys

Alloying designation Microstructure E (GPa) YS (MPa) UTS (MPa)

Cp––Ti α 105 690 780
Ti––6Al––4 V α/β 110 850–900 960
Ti––6Al––7Nb α/β 105 900 1,000
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11.3.3.2 Casting and Soldering

Other than the soldering alloys, the casting alloys are investment cast. The invest-
ment casting process can produce the fine features of restorations with high dimen-
sional accuracy. ANSI/ADA specification 2 describes several types of investments
(molds) into which alloys can be cast. The investments can be made of gypsum
or phosphate bonded. Different types of casting machines are available for fill-
ing the mold. In laboratories, either a torch flame, or induction/resistance heat-
ing can be used to melt the alloys, followed by centrifugal casting of the molten
alloys into a cavity. Alternatively, vacuum melting and Ar pressure casting can
be performed. After casting and solidifying, the investment is removed, and the
casting is given the final shape. For achieving desired mechanical properties, the
castings can be further processed. Types I and II alloys do not harden, while
Types III and IV alloys are hardenable alloys. Typical heat-treatment of alloys
requires heating to temperatures between 200 and 450 ◦C followed by quenching
in water.

Soldering enables a technician to join simple cast parts. Dental casting alloys
that can be soldered are both noble and base metal alloys. The term “presolder-
ing” is used for metals prior to firing the veneers and “post soldering” is used
after veneering had taken place. Like the conventional soldering process in struc-
tural materials, soldering in dentistry needs filler and a flux, besides some suit-
able heat source. They are supposed to perform the exact tasks that their structural
counterparts do. Gold-base fillers are normally used for noble metal alloys and
silver-base fillers are used for base metal alloys. Traditional heat sources such as
a torch can be used for soldering. Various lasers are now available for soldering
Ti-alloys.

11.3.4 Wrought Alloys as Orthodontic Wire

Orthodontic wires are used in order to correct misaligned teeth. Usually, wires are
made up of wrought alloys. As opposed to castings, they are usually cold worked
and eventually formed by mechanical processes such as rolling, extrusion, and
drawing.

One of the requirements of orthodontic wire is that they must have low elas-
tic modulus, high yield strength, and good corrosion resistance. Besides, materi-
als have to be sufficiently ductile for easier fabrication. Specifically, most wires
should easily be soldered or brazed together. Four major alloys of orthodontic wires
include austenitic stainless steels, cobalt––chromium––nickel, nickel––titanium, and
beta titanium. Among these, even though stainless steel and cobalt chromium nickel
alloy wires are far less expensive than Ti––Ni and beta Ti wires, former materials
are not so popular. Table 11.5 describes the various materials and their properties.

The shape memory TiNi alloys call for some additional discussion because of
their interesting and beneficial properties for orthodontic applications. These alloys
are associated with such properties as “Shape Memory” and “Superelasticity”.
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Table 11.5 Wrought alloys and their properties

Materials Composition Yield strength Elastic modulus Properties

Stainless steel 18% Cr–8% Ni,
<0.15 wt% C

205 MPa, annealed
condition
1,380 MPa, cold
worked

190 GPa

Cobalt based
alloys

39% Co–19%
Cr–14%
Ni–6%
Mo–1.5% Mn

69 MPa, non-cold
worked

1,240–2,240 MPa,
cold worked

190 GPa (RT) It can be easily
deformed and
shaped

Nickel titanium
alloys

55 wt% Ni–45%
Ti

70–560 MPa 40 GPa Corrosion resistant

β-Titanium
alloys

78Ti–11.5Mo–
6Zr–4.5Sn

62 MPa 70–110 GPa Good ductility,
weldability

Buehler and Wang discussed the shape memory effect in an equimolar composition
of Ti and Ni [14]. The shape memory effect refers to an alloy’s ability to return to
a previously defined shape when heated according to appropriate schedules. While
many compounds with shape memory properties have been identified, TiNi is in the
forefront in orthodontic applications [15]. The diffusionless martensitic transforma-
tions are able to generate high strains and/or forces in TiNi. In addition, TiNi is
biocompatible.

Four temperatures usually describe the SMA effect in TiNi: martensite start (Ms),
martensite finish (Mf), austenite start (As), and austenite finish (Af). The low temper-
ature martensitic phase is soft and deformable. As the temperature is increased, there
is diffusionless transformation to the high temperature austenitic phase. The ther-
mal cycling between these phases actually creates hysteresis. Furthermore, SMAs
can result in superelasticity with very high recoverable strains as compared with
traditional elastic materials. It is critical to pay some attention to the superelastic
behavior. This requires deformation to occur by martensitic transformation rather
than by plastic deformation. In TiNi, plastic deformation is more dominant between
100 and 150 ◦C. Based on thermal and mechanical measurements, a superelastic
window in temperature can be obtained, where there is minimal remnant perma-
nent strain, resulting in ideal superelasticity. The characterization of SMAs requires
precision determination of aforementioned transformation temperatures using Dif-
ferential Scanning Calorimeter (DSC).

In the past, the shape memory alloys were given shape at high temperature expo-
sure. After cooling down, the clinician would manipulate the wire in the patient’s
mouth and it would get into the original shape of the wire. The superelastic wires
have much more beneficial springback (the ratio of yield strength to elastic modu-
lus), than its competitors. More recent alloys contain some amount of Copper. The
addition of Cu approximately 5 wt% instead of Ni and 0.29 wt% of Cr makes the
transformation purely shape memory without the presence of the intermediate-R
phase and shows superelastic behavior at 37 ◦C, the temperature of the human body.
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As discussed before, β-titanium orthodontic wires have been used as orthodontic
wire. β phase is stabilized by the addition of Mo [16]. The favorable springback
behavior and formability are also advantageous.

Although Ti––Ni shape memory alloys and 316L austenitic stainless steel are
used in many dental applications, they contain Ni, which causes metallic allergy.
Non-allergenic nickel-free stainless steel, in which mechanical strength and corro-
sion resistance are improved using nitrogen as a substitute for nickel, has drawn
attention as a new biomaterial. However, because the material itself becomes
extremely hard, depending on the forming and machining conditions, Ni-free stain-
less steel dental devices and technologies for manufacturing small-scale, complex-
shaped dental devices from Ni-free stainless steel have not reached practical appli-
cation. Technology development in this field is strongly desired.

11.3.5 Dental Implants

A dental implant is an artificial tooth root (synthetic material) that is surgically
anchored into the jaw to hold a replacement tooth or bridge in place [17, 18]. The
benefit of using implants is that they do not rely on neighboring teeth for support.
They are permanent and stable. Implants are a good solution to tooth loss because
they look and feel like natural tooth. Implant material is made from different types of
metallic and bone-like ceramic materials that are compatible with body tissue. Today,
dental implants are becoming more predictable. Studies have demonstrated success
rates ranging from 80% to 92% for the maxilla over 5–10 years. Advances in surgical
procedures, such as maxillary sinus lifts, lateral inferior alveolar nerve placement, and
guided bone regeneration (GBR) allow the practitioner to place implants in patients
that would not have received this treatment option 20 years ago [19].

In general oral implants can be categorized into three main groups:

• Endosseous implants
• Subperiosteal implants
• Transosseous implants

11.3.5.1 Endosseous Implants

Endosseous implants are the most frequently used implant today [20]. Based on
their shape, function, surgical placement, and surface treatment, they could be fur-
ther categorized into several sub-categories. However for the present purpose, only
three main categories will be described. The three main categories are root-form,
ramusframe, and blade-form.

Endosseous root-form implants are surgically inserted into the maxilla or
mandible, whereby the implant body generally penetrates the cortical bony plate.
In 1939, Strock first attempted to change the shape of a dental implant from that of
a rootlike tooth to an implant with a threaded body resembling a wood screw [3].
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Recognizing the need for implants to be biologically compatible, he made the
implant from an alloy of chromium––cobalt––molybdenum (called Vitallium). He
found that certain metals, when in contact with tissue fluids, produce a galvanic
action. This ultimately corrodes the metal appliance. Vitallium was the only metal
used at that time that produced no electrolytic activity when implanted into biolog-
ical tissues. Among these, Strock’s implants are the earliest documented long-term
endosseous dental implants. Furthermore, he appreciated the need to direct axial
forces and minimize nonaxial forces to the dental implants. Rootform implants are
considered by some as the standard of care in oral implantology [21]. The implant,
a screw shaped form like the original root, is screwed into the patient’s jawbone.
The screw’s shape and size are based upon the tooth being replaced and/or the size
and shape of the remaining jawbone. The implant is generally made out of tita-
nium alloys, aluminum oxide, Vitallium, commercially pure titanium or sapphire
[21]. Once the implant has been placed into the jawbone, a few months are required
for the implant and the bone to fuse. This fusing creates a solid, secure implant to
which an abutment can be attached. Before the prosthesis phase, a temporary crown
or healing abutment is attached to the implant for up to eight weeks. Gum tissue
grows around the temporary crown. After the implant has fused, an impression of
the tissue shape and the implant is taken. From this impression a permanent tooth is
fabricated. The permanent-fabricated tooth is then cemented to a custom abutment
that is then screwed onto the implant. Root form implants are the closest shape and
size to the natural tooth root. They are commonly used in wide, deep bone to provide
a base for replacement of one, several or a complete arch of teeth.

Ramusframe implants belong in the category of endosseous implants. These
implants are designed for the toothless lower jaw only and are surgically inserted
into the jaw bone in three different areas: the left and right back area of the jaw (the
approximate area of the wisdom teeth), and the chin area in the front of the mouth.

In 1968, Linkow introduced a flat titanium endosteal blade implant, which often
serves as a means of using the narrow and/or shallow areas of remaining alveo-
lar bone where dimensions do not permit the use of the cylindrical or root-shaped
implants [3]. These implants primarily form a connective-tissue interface, a process
called fibro-osseus integration. Connective tissue forming around the implant takes
the form of collagenous fibers that are parallel to the dental implant surface. How-
ever, since these are also surgically placed into the bone we categorize them into
the Endosseous implant category. Blade implants have a long track record, much
longer then the Rootform implants. Their name is derived from their flat, blade-like
(or plate-like) portion, which is the part that gets embedded into the bone. Blade
implants are not frequently used any more, however they do find an application in
areas where the residual bone ridge of the jaw is either too thin (due to resorption)
to place conventional Rootform implants.

11.3.5.2 Subperiosteal Implants

The second type of dental implant is the subperiosteal, or on-the-bone, which has
been used successfully for the past 30 or 40 years [22]. It incorporates a rigid,
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plate-like element and is often used for areas without adequate bone for cylindri-
cal endosteal implants. Subperiosteal implants are those that typically lie on top of
the jawbone, but underneath the gum tissues. The important distinction is that they
usually do not penetrate into the jawbone.

Subperiosteal implants were introduced in the 1940s [3]. Of all currently used
devices, it is the type of implant that has had the longest period of clinical appli-
cation [22]. Unlike endosseous implants, these implants are not anchored inside the
bone. Instead they are shaped to ride on the residual bony ridge of either the upper or
lower jaw. Subperiosteal implants have been used in completely edentulous (tooth-
less) as well as partially edentulous upper and lower jaws. However, the best results
have been achieved in treatment of the edentulous lower jaw.

While infection is a potential risk with subperiosteal implants, loosening over
time is another problem and must be replaced in the upper jaw after five years. In
the lower jaw, these implants last up to 10 years. Replacing these implants also
requires a surgical procedure.

11.3.5.3 Transosseous Implants

Transosseous implants similar in definition to endosseous implants in that they are
surgically inserted into the jawbone [22]. However, these implants actually penetrate
the entire jaw so that they actually emerge opposite the entry site, usually at the
bottom of the chin. This is also the site, where they are secured with a device similar
to a nut and a pressure plate.

11.3.5.4 The Phenomenon of Osseointegration

In 1952, Dr. Per-Ingvar Brånemark, an innovative orthopedic surgeon, embarked
on a series of basic pioneering studies unrelated to implants that could define the
conditions necessary for regeneration of highly differentiated tissue after injury
[23]. Using cylinders made of titanium to examine the repair mechanisms of
bone, Brånemark reported that a direct functional and structural bond had occurred
between organized vital bone and the inanimate alloplastic material. He called this
process “Osseointegration”. He suggested that osseointegration occurred only with
the titanium and not with cylinders made of other materials. On the basis of these
results, he designed and executed a series of investigations using titanium as a cylin-
drical threaded endosteal implant for replacing a single tooth or anchoring fixed
bridgework [24].

By 1965, Brånemark’s implants were first placed in patients. They consisted of a
cylindrical screw-type implant made of pure titanium and induced osseointegration
between titanium metal and the peri-implant bone. Degradation of the titanium in
vivo is minimal because of a protective oxide layer that develops between the tita-
nium implant and the bone. With its provisional acceptance by the American Den-
tal Association in 1986, this innovation has greatly contributed to the acceptance,
resulting in widespread use of dental implant treatment by the dental community
[25].
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Osseointegration is a mode of implant attachment with a bone anchorage, in con-
trast to a soft tissue-attachment implant. The former interface is rigid, whereas the
latter tends to permit macroscopic movements. Various histology based definitions
of osseointegration have not reached a general consensus because of difficulties in
properly defining the resolution level of the direct bone-to-implant contact and the
proportion of a bony contact necessary to call the implant osseointegrated [26, 27].
(Figs. 11.1 – 11.3).

Osseointegrated implants are most stable because they allow bone tissue to
grow around them. Osseointegrated implants are made of titanium. Studies indi-
cate that the body’s tissues may better tolerate titanium than the chrome-cobalt
metal that comprises other implants [28]. Because the bone thickens and grows
attached to these implants, they become stronger with time and cause little or no
bone re-absorption. Unlike other implants, they feel and function like natural teeth
[29, 30].

As better scientific analyses and more clinical experience have been acquired,
the definition of osseointegration evolved. A convenient working clinical definition
is more useful and the term is currently best defined as a process whereby clinically
asymptomatic rigid fixation of alloplastic materials is achieved, and maintained in
bone during functional loading [31]. Osseointegration was the hallmark of success
in implant dentistry in the 1980s. It was believed that an implant was successfully
integrated when there was direct contact between bone and the titanium implant (at
the light microscopic level) with no fibrous connective tissue interface.

(a) Root form
     Implants

(b) Ramusframe Implants (c) Plate Form Implants

Fig. 11.1a–c Various forms of endosseous implants. a. Rootform. b. Ramusform. c. Plateform
[23]

11.3.5.5 Materials Issues in Dental Implants

Ti, Ti––Al––V alloys, Co––Cr––Mo alloys and stainless steel are easy to manufacture
and shape, have adequate physical properties, and can integrate with bone. That is
why metals are the most common implant materials [13]. The major disadvantages
are corrosion, fatigue failure and adverse stress distributions. The material of choice
is titanium or Ti––V––Al alloy. Common misconceptions are that implants are made
of “pure” Ti and they do not corrode. It is extremely difficult, and economically
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Fig. 11.2 Subperiosteal
implant [23]

Fig. 11.3 Transosteal implant
[23]
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unviable, to remove oxygen from Ti. Thus the most common metal is “commercially
pure” Ti. As noted before, the passive layer is typically 15 nm thick and prevents
the metal from further corrosion. The passive layer on Ti and its alloys is unique in
that it is stable under all normal physiological conditions. Furthermore, this layer is
involved in the integration of the implant with bone. The favored alloy is Ti-6% Al-
4% V because it has a low density, an elastic modulus half that of cobalt-chrome
or stainless steel, has adequate fatigue properties and is biocompatible. Al and V
are phase stabilizers, and the alloy can be heat treated to modify its properties. The
major disadvantage is that it has a low torsional strength that can result in fracture
of screw implants. These alloys are often said to osseointegrate with bone.

11.3.5.6 Surface Issues

Surface features that need consideration to improve material-tissue interaction
include material purity, surface chemistry, surface charge, surface morphology,
and surface coatings. Data demonstrate that rough implant surfaces have increased
bone-to-implant contact. Greater forces to break the bone-implant interface com-
pared to more smooth surfaces. In clinical trials, rough surfaced implants had sig-
nificantly higher success rates compared to implants with more smooth surfaces.
Various surface treatments that will be considered in the following section include
etched titanium, titanium plasma spray (TPS), hydroxyapatite-coated (HA-coated)
titanium, bioglass coating, and biomimetic surface modifications [44].

Etched Surface – titanium surface is etched with acid. This surface demonstrates
increased roughness and therefore greater surface area. Associated with increased
dispersion of blood cells around the implant body. Increase in blood-cell dispersion
around an implant body has been shown to facilitate osseointegration. SEM and laser
analyses have demonstrated the effectiveness of the acid-etching procedure by show-
ing the superior roughness and therefore increased surface area achieved [32, 33].

Titanium Plasma Spray (TPS) – titanium plasma spray (TPS) coating on implants
is a pure titanium powder that is applied to the implant using an advanced vacuum
plasma-spray process. TPS-coated implants have a relatively large surface area.
TPS-coated implants have been shown to possess exceptionally high mechanical
retention properties in bone. (Fig. 11.4).

The most common technique to produce porous surface is plasma spraying tita-
nium powder on the implant to create macroporous titanium surface layer [34]. The
plasma sprayed surfaces were reported to have advantageous morphological fea-
tures that make it more suitable to successful clinical applications. However, this
technique has several disadvantages. First, the geometry of the interface between
the porous coating and the substrate were found to cause stress concentrations
that reduced the fatigue strength [35]. Second, high-temperature heat treatments
often used to bond the porous coating and substrate was attributed to changes in
microstructure and eventual reduction in strength [36]. Lamellar structure, microp-
ores, and microcracks have also been observed inside the plasma sprayed titanium
coating [37].
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(a) (b) (c)

Fig. 11.4a–c Various surfaces
of titanium used in dental
applications. a. Acid etched
surface. b. TPS coated
surface. c. HA coated surface
[37]

Hydroxyapatite-coated (HA-coated) titanium – studies demonstrated that the
osseoconductive properties of HA-coated implants significantly accelerate osseoin-
tegration. This ensures a good tissue response and an optimal chemical bond
between the coating and the bone. A very favorable combination of purity and crys-
tallinity characteristics and a low dissolution rate. Furthermore, the increased rough-
ness of the HA coating created by a plasma spray process helps lock the implant into
the bone.

Excellent short-term clinical results were reported for hydroxyapatite coated
implants [38, 39]. HA coated implants have higher integration rate, promote faster
bone attachment and achieve direct bone bonding with higher interfacial attach-
ment strength to none when compared to non-coated implant [40]. However, there
are many controversies regarding their long-term prognosis. An 8-year old clini-
cal study found that the survival rate was initially higher for HA-coated implants,
but decreased significantly below that of titanium plasma-sprayed implants after
4 years [40]. Most of the delayed failures were associated with inflammatory dis-
ease. HA delaminating was obtained in both animal experiments and human clinical
experience [41].

The resorption of the HA coating compromises long-term implant survival.
The coating often contain impurities such as calcium phosphates and CaO, which
decreases chemical stability and enhances degradation of the coatings. Delamina-
tion of the coatings is due to fatigue and/or thermal expansion coefficient mismatch
between Ti/HA interface.

Bioactive Glass Coating – bioactive glass is a bioactive material that promotes
the formation of bone in the human physiological environment. Some bioactive
glasses also form bonds with soft collagen-based tissues. One barrier of using bioac-
tive glass as coating is the high thermal expansion coefficients (14–15 × 10–6/oC).



11 Biomaterials for Dental Applications 311

Tomsia and his colleagues demonstrated that bioactive glass could be tuned to the
same thermal expansion coefficient as the Ti alloys it coats [42, 43]. Glasses in the
system Si––Ca––Mg––Na––K––P––O were successfully applied on Ti6Al4V using
conventional enameling technique. The thermal expansion coefficients obtained
were close to that of Ti6Al4V of 9.6 × 10−6/oC. The bonding between the glass
and coating was achieved by the formation of a Ti5Si3 interlayer. Further discussion
of bioglass can be found in Sect. 11.4.6.

Biomimetic surface modifications – discoveries by Kokubo and his colleagues
indicated that chemically treated Ti and it’s alloys are bioactive. After being sub-
jected to 5.0 M-NaOH treatment at 60 ◦C for 24 h and subsequent heat treatment at
600 ◦C for 1 h, they are soaked in simulated body fluid (SBF) [44, 45]. Titanium-
based alloys such as Ti6Al4V, Ti6Al2Nb and Ti15Mo5Zr3Al formed the bone like
apatite layer on the surface in SBF. This bonding accelerates the stabilization of
implants and extends its lifetime before failure. The apatite formation on the sur-
faces of Ti and its alloys was assumed to be induced by a hydrated titania which
was formed by ion exchange of the alkali ion in the alkali titanate layer and the
hydronium ion in SBF. Through in-vitro studies Kokubo and colleagues showed
that the alkali treated Ti provides the most favorable conditions for differentiation
of bone marrow cells [46]. (Fig. 11.5).

In-vivo studies conducted in rabbit tibiae to determine the effects of chemical
treatments and/or surface-induced bonelike apatite on the bone-bonding ability of
titanium implants. Biomechanical examination results showed that treated implants
exhibited significantly higher failure loads compared with untreated Ti implants at
all time periods. They revealed that treated Ti implants directly bonded to bone tis-
sue during the early post-implantation period, whereas untreated Ti implants formed
direct contact with the bone only at 16 weeks [47–50]. The results of their study sug-
gest that chemical treatments accelerated the bone-bonding behavior of Ti implants
and enhance the strength of bone-implant bonding by inducing a bioactive sur-
face layer on Ti implants. They concluded that alkali- and heat-treated titanium
offers strong bone bonding and a high affinity to bone as opposed to a conventional
mechanical interlocking mechanism. Alkali and heat treatments of titanium may be
suitable surface treatments for cementless joint replacement implants. These results

Fig. 11.5 Titanium surface and the formation of apatite as suggested by Kokubo [44]
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imply that the Ti––OH groups on titania, proposed to be responsible for the apatite
formation, are effective for apatite nucleation when they are arranged in a specific
structural unit based on the anatase structure. Alkali- and heat-treated implants also
showed direct bonding to bony tissue without intervening fibrous tissue [50]. On the
other hand, untreated implants usually had intervening fibrous tissue at the interface
between bone and the implant. The early and strong bonding to bone of alkali- and
heat-treated titanium and its alloys without intervening fibrous tissue may be useful
in establishing cementless stable fixation of orthopedic implants.

11.3.5.7 Problems with Dental Implants

Clinically, lack of osseointegration leads to implant mobility and subsequent fail-
ure. Therefore, a mobile implant is a failed implant. Non-functional, failed implants
must be removed to prevent the associated bone loss from continuing. For long-
term successful performance of all dental implant types the following general fac-
tors should be considered. These are biomaterials, biomechanics, dental evaluation,
medical evaluation, surgical requirements and healing processes.

Implants fail for a variety of reasons. Some studies have related failures to bio-
logical or microbiological factors, while others attribute dental implant failure to
biomechanical factors, biomaterial factors, or implant surface treatments and char-
acteristics [32, 33]. Improper patient selection is a significant reason for failure.
Obviously, a patient unmotivated to control plaque around natural teeth would not
be a good candidate for dental implants. Implants are doomed to fail when placed
in patients having insufficient quality and/or quantity of bone to support the implant
fixture.

Systemic health of the patient is important when considering implants. Recent
studies have demonstrated similar failure rates between well-controlled diabetics
and non-diabetic controls or only slightly higher failure rates with Type 2 (non-
insulin dependent) diabetics [34]. Uncontrolled diabetic patients are poor candidates
for any surgical procedure. Inferior surgical technique is another possible cause of
implant failure. During surgical placement, implant failure may result from inade-
quate irrigation of the surgical site or from using low torque and excessive drill speed
during placement. Failure results from excessive temperature elevation in bone dur-
ing placement, leading to necrosis of the supporting bone around the implant. Inad-
equate implant restorations also may contribute to implant failure. Restorations
placed on endosseous implants may cause traumatic occlusion, leading to failure.
Additionally, poorly restored implants may have overhangs or be over-contoured,
which may lead to plaque accumulation and eventual failure.

The main factors in implant failure are infection and occlusal force stresses. The
microbiota around stable vs failing implants seem to parallel the patterns observed
around healthy vs diseased natural periodontal sites. Recent studies indicate that
microorganisms associated with periodontal disease are found in higher proportions
in failing implant sites. Periodic plaque removal and health maintenance should help
prevent such failures.
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With single-implant therapy, survival also depends on the position of the implant
in the mouth. Some reported on a 24-month life-table analysis study on two-stage
implant survival, using a variety of implant designs [32, 33]. They reported sur-
vival to be 100% in the anterior mandible, 92% in the posterior mandible, 94% in
the anterior maxilla and 78% in the posterior maxilla. The lower survival rate in
the latter area is probably the result of the cancellous nature of the bone and thin
cortical plates. Small-diameter cylinders appear to do less well than large diame-
ters or blades in hollow, cancellous bone and thin cortical plates. Various implant
shapes are needed to overcome bone morphological limitations and meet restora-
tive requirements. Unfortunately, implants for partially edentulous patients are most
often needed in the posterior mandible and maxilla, reflecting the pattern of natural
tooth loss.

11.4 Ceramics for Dental Applications

As opposed to metals, the strength and toughness values of ceramics are not as
good. In spite of that, there is a long history of using ceramics in restorations. The
two main reasons for the use of ceramics in dentistry are the ability of restorations to
match the esthetics and functions of missing teeth [51–54]. Furthermore, ceramics
are benign and do not result in any cytotoxicity.

It is obvious that ceramics can match the opalescent appearance of teeth that
no metal can provide. Ceramics can also withstand the cyclic masticating forces
that vary between 400 and 800 N. They can also provide the right balance and sup-
port between bone/soft tissue. While it is known that ceramics are less mechan-
ically reliable than metals, more and more interesting developments are taking
place in ceramics resulting in higher mechanical strength and toughness values
[55, 56].

Most common uses of ceramics are inlays and veneers. In these simple applica-
tions, strength and fracture toughness values are less important than their esthetic
attributes. Ceramics are also used as crowns, a structural replacement of a tooth.
These are thin walled structures, which may be composed of metal-ceramic or
all-ceramic materials. Some examples are depicted in Fig. 11.6. Like the various
applications of metals in dentistry, dental ceramics can be classified according to
several schemes, which may include their actual use, composition, processing meth-
ods, firing temperatures, microstructure, mechanical, and esthetic properties. Instead
of classifying them in various sub-sections, it is simpler to categorize them into
metal-ceramic and all-ceramic systems. The metal-ceramic systems are essentially
feldspathic porcelains, while all-ceramic systems consist of glass-ceramics, glass
infiltrated ceramics, and fully sintered monolithic ceramic materials. This simple
classification can be further subdivided according to processing routes, indicated
uses, microstructure, esthetic signatures, and mechanical properties. It is also worth
mentioning that dental ceramic literature often refers to various commercial prod-
ucts. Therefore, as and when appropriate, these commercial names will be referred
to in the text. (Table 11.6).
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Table 11.6 Strength and toughness of tooth structures and dental ceramics [57]

Material
Flexural
strength (MPa)

Fracture toughness
(MPa.

√
m)

Porcelains Feldspathic 60–110 1.1
Leucite 120–180 1.2

Glass ceramics Lab cast/Cerammed 115–125 1.9
Premade/HIP 140–220 2.0

Glass-infiltrated In-ceram Alumina R© 400–600 3.8–5.0
In-ceram Spinell R© 325–410 2.4
In-ceram Zirconia R© 700–800 6–7

Monolithic
ceramics

Lava Y-TZP R© 1,000–1,200 9–13

Procera R© 500–600 4.5–5
Tooth structures Dentine 16–20 2.5

Enamel 65–75 1

11.4.1 Metal-Ceramic Restorations

The feldspathic porcelains, required for such uses, are based on patents by Weinstein
et al. [58] and Weinstein and Weinstein [59]. The patents are about developing compo-
sitions with tailored thermal expansion coefficients and the process of their bonding
to metallic alloys. The compositions are based in the SiO2––Al2O3––K2O ternary sys-
tem. Specifically, SiO2 and potash feldspar (K2O·Al2O3·6SiO2) are the basis for den-
tal porcelains. Other additives such as opacifiers (TiO2, ZrO2, and SnO2), appropriate
pigments, fluxes (to lower melting point) are also added. The porcelains are normally
classified in terms of their firing temperatures: high firing (1,300 ◦C), medium firing
(1,100–1,300 ◦C), low firing (850–1,100 ◦C), and ultra-low firing (<850 ◦C).

The most important aspect of the development of feldspathic porcelain is the
presence of leucite (KAlSi2O6). The presence of leucite increases the thermal expan-
sion coefficient of porcelains to an extent that bonding between the porcelain and
metal substrate can easily take place with matched thermal expansion coefficients.
While it is easy to say that leucite can increase the thermal expansion coefficients
of porcelains, it is not an equilibrium phase. Different thermal processing histo-
ries result in different cooling rates of leucite with concomitant variation in ther-
mal expansion coefficients [60]. While slow cooling in a furnace increases the
leucite content from 11 vol% to 56 vol% [61], an isothermal hold at 750 ◦C 4–16 min
(simulating post-soldering treatment), the leucite content in commercial porcelain
increases from 6 vol% to 21 vol% [62]. The various thermal histories can also lead
to cracking of porcelains due to the thermal expansion coefficient mismatch [63].
Microcracking can also happen due to the cubic-to-tetragonal transformation of
leucite upon cooling [64].

The flexural strengths of feldspathic porcelains are quite low (between 60 and
70 MPa). However, when bonded with the metal substructure, the flexural strength
increases significantly to approximately 300 MPa [12].
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Fig. 11.6a–d Types of dental
restorations. a. In-Ceram
crown with standard crown
design. b. Lateral view of
In-Ceram crown
demonstrating underlying
tooth structures. c. Lateral
view of ceramic crown on a
titanium implant. d. Porcelain
veneer resin bonded to tooth
enamel

11.4.2 All-Ceramic Restorations

Glass-ceramics – these materials are composites of glass and ceramics, which can be
processed into complex shapes using glass-shaping technology. These materials are,
therefore, also referred to as castable/pressable glass-ceramics. The ceramic partic-
ulates are formed in a glassy matrix by carefully nucleating and growing ceramic
crystals with suitable heat-treatments (also known as ceramming). The initial devel-
opment of Dicor R© glass ceramics took place in Corning Glass Works and was mar-
keted by Dentsply International. Dicor R© consists of a magnesium aluminosilicate
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glass with 45% fluoromica (K2Mg5Si8O20F4) crystals. The presence of these crys-
tals enhances the mechanical properties of these glass-ceramic materials. In spite of
the advantages of enhanced processibility and the potential for enhanced mechani-
cal properties, the extent of mechanical property enhancement was not substantial.
Furthermore, Dicor R© materials do not have the ability to attain internal color. Even
though, esthetically, they are better than metal-ceramics, with the development of
other glass ceramics, Dicor R© materials are no longer available on the market.

Another important glass ceramic is Empress 1 R©, which is essentially a leucite
reinforced feldspathic porcelain. The controlled nucleation of leucite enhances the
mechanical properties while being produced by the conventional investment casting
technique. Empress 1 R© has flexural strength values about the same as Dicor R©. The
translucency of this material is slightly less than Dicor R© but can be tolerated in
restorations.

A major advancement in glass ceramic development is the Empress 2 R©, which is
a lithium silicate based system. With proper composition choice and heat treatment,
the microstructure consists of 70% of elongated lithium-disilicate crystals [65]. This
creates a highly filled microstructure. The manufacturer recommends these be used
for inlays, onlays, veneers, etc.

Monolithic ceramics – an example of this type of material is fully sintered alu-
mina (Procera Allceram R©). This material is 99.9% alumina and sintered at 1,600 ◦C
to produce a core, which is compatible with dental porcelain. While the mechanical
properties are quite good, the sintering process results in a large shrinkage. There-
fore, in order to obtain high dimensional tolerance, CAD-CAM system is used. Once
the sintered coping is obtained, a matched porcelain is placed on the coping. Procera
Allceram R© is limited to use as a single unit restoration in the anterior or posterior
regions.

The most significant advancement in monolithic ceramics is the introduction of
toughened zirconias, specifically yttria-tetragonal zirconia polycrystals (Y-TZPs)
[55, 56]. Doping zirconia with yttria results in a metastable tetragonal phase in the
microstructure. During the propagation of a crack, there is martensitic transforma-
tion of tetragonal to monoclinic phase, which dissipates energy from the propagating
crack. This increases the strength as well as toughness of monolithic zirconia twice
that of monolithic alumina. While there are several dopants such as CaO, MgO
and CeO2 that are available for this purpose, yttria doping can produce the most
esthetically pleasing restoration. CeO2 doping can produce even better mechanical
properties, but it has its own characteristic color and MgO doping needs very high
temperatures of processing. Another interesting aspect of Y-TZP is that the mechan-
ical properties are so good that they can be machined in Lava CAD/CAM system to
produce complex bridges.

Glass infiltrated ceramics – these materials are based on partially sintered alu-
mina, zirconia, and spinel. These materials are commercially known as In-Ceram
Spinell R©, In-Ceram Alumina R©, and In-Ceram Zirconia R©. They have surface pores,
which are infiltrated with lanthanum aluminosilicate glass. Lanthanum additions
decrease the viscosity of silicate melts, which assists in infiltration and simulta-
neously improving the strength of the ceramic core. The mechanical properties of
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In-Ceram R© materials are better than all other restorations other than Y-TZPs. From
the esthetics point of view, In-Ceram R© materials are opaque and they can be tinted
easily.

11.4.3 Processing of All-Ceramic Restorations

A crown with the normal size and shape of a tooth, is very useful, when a tooth
is broken down to a limit when filling no longer solves the problem. Traditional
crowns have a porcelain-bonded enclosure filled with gold. They are sturdy enough
to withstand about 200 pounds of pressure during use. Currently, a second genera-
tion materials are being used which are stronger and more durable than the original
porcelain type materials with better wear, and more translucency to match the nat-
ural color of the teeth. All-ceramic restorations (e.g., crowns, inlays, onlays and
veneers) are becoming quite popular when esthetics is important. A bridge is a
complex version of a crown replacing one or more natural missing teeth, thereby
“bridging” the space between two teeth. Bridges are cemented into place on the
“abutment” teeth – the surrounding teeth on either side of the space or span.
Unlike removable partial dentures, bridges cannot be taken out of the mouth by the
patient. There are several criteria for selecting restorative systems and processes.
Esthetics, strength, marginal fit, biocompatibility, cost and ease of fabrication, and
patient comfort are among these criteria. A process and a relevant material should
be considered most versatile when the combination can successfully produce a
bridge.

Most of the dental prosthetics that are produced manually require consider-
able technical skills and consume a substantial amount of time. Machining has
become a viable option for most of the dental restorations [66, 67]. Computer-
assisted design/computer assisted manufacturing (CAD/CAM) has become a viable
option for making all ceramic restorations. Of late, CAD/CAM is referred to as
the subtractive mode of rapid-prototyping technology whereby blocks of materials
are machined to precise shapes. Commercially available systems include CEREC
(Sirona), Procera (Nobel Biocare) and LAVA (3 M ESPE). CEREC mechanics are
well suited for machining glass-ceramics, In-ceram alumina, spinel, and zirconia
[68]. While LAVA machines can also machine Y-TZP materials. The prepared teeth
are coated with an imaging liquid, which can hold imaging powder such as TiO2 on
the teeth. Using an infrared camera, an optical impression is captured and suitably
modified for the proper fit. The data are transferred to a milling machine to mill a
block of ceramic. After milling, the sprue is removed from the restoration. The main
advantage of these machines is the elimination of a temporary restoration, resulting
in a significant reduction of time and cost. They also reduce the human error in pro-
cessing. The difference between the CEREC and LAVA machines is that the CEREC
machines can fabricate one crown while the LAVA machine can produce bridges.
This can be achieved because of the use of Y-TZP of high strength and toughness.
An alternative to the LAVA system is the Cercon R© Zirconia system, which requires
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sending an impression to a laboratory for machining a pre-sintered porous Y-TZP.
Once the machining is carried out, the restoration is sintered to full density taking
into account the shrinkage.

Use of all ceramic materials requires a tooth preparation with a rounded
shoulder or chamfer finish line. The amount of tooth reduction varies from sys-
tem to system [69]. For example, the manufacturer of Empress 2 R© recommends
0.8 mm, while Procera R© and In-Ceram R© recommend 0.5 mm. Cementation with
composite resin cements improves the success rate of Empress 1 and 2. Glass-
ionomer cements are popular because they can be expanded and create stress,
which will eventually lead to failure. Hybrid cements such as copolymers (poly-
acid modified resin cements and the resin-modified glass-ionomer cements (GIC)
were developed as smart filling materials. However, biocompatibility remains an
issue [70].

11.4.4 Selection Guide for All-Ceramic Restorations

In selecting materials, higher strength and fracture toughness should be used for
canine and posterior regions of mouth. Besides, Weibull modulus is an impor-
tant factors for successful restorations. If the scattering of tensile strength is high,
Weibull modulus is low; therefore reliability might be a concern.

The strength of castable leucite reinforced glass ceramics is around 130 MPa
and they are best suited for anterior crowns, inlays, onlays, and veneers. In-Ceram
zirconia has a significantly higher strength and fracture toughness and can be used
for anterior and posterior single unit crowns and anterior bridges. Lava form R© (Y-
TZP) has the highest strength and toughness. Table 11.7 shows selection guide for
the use of all-ceramic restorations.

Table 11.7 Selection guide for all-ceramic restorations

Inlays, onlays,
veneers

Anterior
crown

Posterior
crowns

Anterior
bridges

Posterior
bridges Translucency

Empress 1 R©

leucite/field based
castables

× × – – – 1

Empress 2 R© × × × × ? 2
Procera × × × ? ? 3
In-Ceram alumina R© × × × × – 3
In-Ceram spinel R© × × – – – 2
In-Ceram zirconia R© × × × × × 4
Lava form R© × × × × × 2

‘‘×’’ means allowed use.
‘‘–’’ means not possible.
‘‘?’’ means yet to be determined.
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11.4.5 Clinical Failure of All-Ceramic Crowns

Despite the wide variety of all ceramic restorative materials available today, they
are still not highly recommended by dentist practitioner [70]. Usually cementation
or internal surface flaws initiate most of the clinical failures. As an example, Dicor
ceramic crowns luted with Zn-phosphate cement were reported to have poorer success
rates than crowns cemented and bonded with composite resin cements. Internal sur-
faces have the highest tensile stresses and critical flaws. Etching and polymer coating
of tensile surfaces can strengthen the strength of these ceramic materials by blunting
the crack tip or by lessening the stress corrosion by barrier coatings [71–73].

11.4.6 Bioactive Glasses

Bioactive glasses are widely used in musculoskeletal applications, a smaller sub-
group of which is dentistry. One of the important systems of bioactive glasses is
derived from Na2O––CaO––P2O5––SiO2 ternary system with other substitutions. The
system is commercially known as Bioglass R©, which was developed by Hench et al.
at the University of Florida [74, 75]. An important feature of these glasses is a lower
SiO2 content as opposed to the traditional soda-lime silica glass and much higher
content of Na2O and CaO. These compositions make the surfaces highly reactive
when exposed to the body fluid. The most commercially important composition is
known as 45S5 containing 45 mol% SiO2.

Tomsia and colleagues modified the original compositions so that they are com-
patible to metallic implants in terms of thermal expansion coefficients [76–79].
Specifically, Na2O and CaO were partially substituted by K2O and MgO respec-
tively. This results in thermal expansion coefficients compatible to implants. The
processing of such glasses can be performed by the traditional glass melting pro-
cess or by the sol-gel techniques.

As mentioned before, monolithic net-shaped implants have been in use in den-
tistry. Specifically, Endosseous Ridge Maintenance Implant (ERMI) was developed
by Stanley et al [80]. Their 10-year survival rate is greater than those implants that
do not osseointegrate. Bioglass R© particulates have been placed around teeth with
periodontal disease [81]. Osseointegration takes place at a rapid rate around those
glass particles. This helps stabilizing the boundary between tooth and the periodon-
tal membrane and the tooth is saved.

The other related material is actually a glass ceramic based on the
CaO––P2O5––SiO2 system. This material consists of crystallites of apatite
Ca10(PO4)6 (OHF2) and β-wollastonite (CaO––SiO2) with a residual CaO––SiO2

glassy phase. These materials are referred to as A/W glass ceramics and were men-
tioned by Yamamuro and Kokubo [82–84]. The presence of crystallites enhances
the mechanical properties (e.g., fracture toughness, strength as well as subcritical
crack growth velocity). The mechanism of bioactivity of such glass ceramics is sim-
ilar to the Bioglass R©. By the same token, these can also be used in the cases where
Bioglass R© is used.
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11.5 Polymers for Dental Applications

Polymeric materials with improved durability find important applications as dental
materials. Denture bases and artificial teeth are two major areas where polymeric
materials are used. Besides these, they are also being used in various applications
such as crown and bridge facings, inlay patterns, implants, impressions, dies, tem-
porary crowns, endodontic fillings, athletic mouth protectors, and orthodontic space
maintainers etc [85].

11.5.1 Dentures

Dentures are usually used if an entire arch of teeth is missing. If there are a few
teeth left, partial denture is needed. Generally, dentures have an acrylic base mold-
ing. The quality of the bonding of denture base polymers to synthetic polymer
teeth is dependent on the temperature during processing. About 98% of the denture
materials are constructed from methyl methacrylate polymers or copolymers. Other
polymers include vinyl acrylic, polystyrene, epoxy, nylon, vinyl styrene, polycar-
bonate, polyurethane, silicones, rubber reinforced acrylics and butadiene reinforced
acrylics, etc. Systems which are based on dimethacrylate monomers are commonly
used for crowns and bridges, and now also for dentures.

The most important polymer system used for prosthodontic applications is based
on polymethyl methacrylate (PMMA) powder and a monomer mixture (liquid) of
methyl methacrylate and a cross-linking dimethacrylate monomer such as ethylene
glycol dimethacrylate (EGDMA). The process of polymerization is crucial for the
properties of the prosthodontic devices. The mechanical properties including craze
resistance are dependent on the processing procedure and on the quality of cross-
linking agent. At an ambient temperature, the material is brittle and transparent.
At temperatures above the transition temperature, the material tends to soften and
becomes viscoelastic.

The presence of surface cracks/pores and internal faults usually affect the tensile
strength of the material. The failure of the denture material involves either impact or
fatigue. The impact failure is due to rapid stress of the material and fatigue failure
is due to cyclic flexing of the material generating cracks.

11.5.2 Dental Cements

Dental cements are used for fixing dental restorations such as crowns, orthodontic
bands, serving as bases under any restorations, etc. They must exhibit sufficient
viscosity to flow through the interfaces between hard tissue and the restoration [12].
Properties that are important include strength and stiffness, resistance to dissolution,
and biocompatibility with pulpal tissue [85]. Further, they should be set within 25–
50 μm thickness, and should release fluoride to prevent caries. The five most popular
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systems include zinc phosphate, zinc oxide eugenol (ZOE), polycarboxylate (with
zinc powder), glass-ionomer, and compomer cements.

Zinc phosphate and ZOE – zinc phosphate serves as an universal luting agent,
which means that it has the right rheological properties to flow between two sur-
faces with the ability to solidify very fast [12]. It has good handling characteris-
tics, and a proven longevity in the oral cavity when used in conjunction with well
designed and well fitted restorations. The powder constituents for both zinc phos-
phate and ZOE are zinc oxide with minor additions of magnesium oxide. The main
liquid component is either phosphoric acid or eugenol oil. Zinc phosphate is typi-
cally used for permanent cementation. The accepted mechanism for cementation is
the initial attack of oxides by phosphoric acid, resulting in an aluminophosphate gel.
The problem with zinc phosphate cement is that it is highly acidic and it may cause
damage to the pulp. On the other hand, the advantage of ZOE is its biocompatibility,
eugenol having a pH of 7 and hence benign to the pulp. Zinc oxide is hydrolyzed ini-
tially and undergoes chelation subsequently. ZOE can be used for either permanent
or temporary fixation. There are several variations in compositions of ZOE based on
their service demands. These cements are used as a base where a significant amount
of dentin has been removed and pulp tissues are approximately 0.5–2 mm. Rather
than placing a restoration near pulp, cements are used to protect the pulp.

Polycarboxylic acid cements – in polycarboxylic cements, the liquid component
is polyacrylic acid, which is then mixed with zinc oxide [86]. Bonding to dentin
can occur via chelation of carboxyl groups to calcium ions. The advantages include
shorter gelling times (about half of zinc phosphates) and better bonding strength
with the tooth structure (with respect to other zinc phosphates) [87].

Glass-ionomer cements – these use silicate glass powder instead of zinc oxide
powder and an aqueous solution of polyacrylic acid (or a copolymer of itaconic
acid, or maleic acid) [88, 89]. They bond to tooth structure well and release fluo-
ride. Typical composites of glass particles are 20–36 wt% SiO2, 15–40 wt% Al2O3,
0–40 wt% CaO, 0–35 wt% CaF2, 0–5 wt% Na3AlF6, 0–6 wt% AlF3, 0–10 wt% AlP.
When glass particles are mixed with polyacrylic acid, hydrogen ions are removed
from carboxyl groups of acid solution. Simultaneously glass particles undergo reac-
tion, where Al3+, Ca2+, Na+, F−, and PO4

3− are released into solution to form a
silica rich gel on the particle surfaces. In order to use glass-ionomer cements, the
dentin and enamel are acid etched with polyacrylic acid, then rinsed. Bonding to
dentin occurs both by ionic and micromechanical forces. Glass-ionomers have the
advantage of chemically bonding directly to enamel and dentin. There is an ionic
bond formed between the calcium of the tooth and the set material. As enamel
is richer in calcium, the bond to enamel is stronger than the bond to dentin. The
bond strength of glass ionomer is much lower than that of bonding agent/composite
systems, but in some situations, high bond strength is not the priority. In terms
of toughness, they cannot withstand high stress concentrations that promote crack
propagation. Besides, slow maturing contributes to low initial strength. Sometimes,
glass-ionomers are reinforced to “cermets” (silver or silver amalgam powder mixed
into original powder or pure metallic silver fused to glass powder) for increased
strength, more radio opacity and increased abrasion resistance) [90]. Another type
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of glass-ionomer cement is resin modified (hybrid ionomer), which overcomes the
problem associated with low initial strength. Polymerizable functional groups can
be added to impart rapid curing when activated by light or chemicals. This over-
comes the problem associated with low early strength and moisture sensitivity that
occurs during slow acid base setting reactions.

Compomer – compomers have the fluoride releasing ability of glass-ionomers
and the durability of composites. These are typically one component systems con-
sisting of fillers of sodium fluoride and polyacid modified monomers. The setting
reaction is triggered by photopolymerization. The mixture does not contain water
and hence is not self-adhesive like the glass ionomer cements. A separate dentin
bonding agent is therefore needed.

Resin cements – the resin cements are used for attaching orthodontic brackets
and fixed prostheses to tooth structure following the application of either enamel or
dentin bonding agent. These cements are insoluble in any oral fluids. Although the
resin cements have lower elastic modulus compared with zinc phosphate, fracture
toughness is usually superior. Resin cements bond well with the dentin and make a
strong attachment with the enamel.

11.5.3 Composite Dental Materials

Dental composites are becoming popular because of esthetic reasons and are used
to rebuild or repair the teeth. The compositions consist of three parts – a resin,
filler particles, and a coupling agent (typically a silane to bond filler with the
resin). Composite resins have good esthetic properties and strength and are used
in front teeth. The resin that is of key importance in dental composites is an aro-
matic dimethacrylate monomer, bisphenol A-glycidyl methacrylate (BIS-GMA)
[91]. Polymer shrinkage, thermal expansion, water sorption, tensile strength, wear
resistance, and modulus of elasticity are some of the properties that can affect clin-
ical performance. In order to enhance further the longevity, filler particles such
as quartz, colloidal silica, or silicate glasses containing Sr or Ba are incorporated
into the resin matrix. These tooth-colored filling materials have reached a high
degree of sophistication since their appearance on the dental scene in the early
1960s. A modern dental composite consists of a paste created by combining a mix-
ture of dimethacrylate monomers and cross-linking agents with up to 80 wt% of
silane-coated, ceramic particles (the filler), whose sizes range from 0.04 to 4 μm.
This composite paste is packed into a dental cavity and the dentist exposes it for
about 30s to intense visible blue light. The light activates a chemical initiator (cam-
phorquinone, CQ) within the composite and the resins undergo free radical addition
polymerization via their vinyl groups, turning the paste into a durable, solid filling.
Fillers are placed in dental composites to reduce shrinkage upon curing. Physical
properties of composite are improved by fillers, however, composite characteris-
tics change based on filler material, surface, size, load, shape, surface modifiers,
optical index, filler load and size distribution. Accordingly, the composites are
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classified as traditional (containing large fillers). Hybrids (containing different par-
ticle sizes), flowable hybrids (containing different particle size with lower volume
fraction of fillers), and homogeneous microfill (containing ultrafine/nanocrystalline
fillers). Fillers less than 1 μm do not produce a rough appearing surface with aging.
The nano particles fill between all other particles to further reduce shrinkage.

Composite fillings are less durable than amalgam for the large filling size. How-
ever, it is comparable for small to average size fillings. Usually composites filling
are quite difficult to place especially for a back tooth, and therefore they are more
expensive than amalgam filling. Composites are used in areas where the fillings are
relatively small and there is plenty of tooth structure for support. They have similar
strengths to amalgam but they tend to wear away more rapidly. Composite fillings
are more natural looking, require less tooth reduction to place, and are bonded in
place for a better seal. In terms of biocompatibility, composites are not totally bio-
compatible. Sometimes iron oxide, aluminum oxide, barium, and other materials
leach out.

Polymerization shrinkage is one of the major disadvantages of composite materi-
als. As the resin matrix polymerizes, the organized polymer molecules occupies less
than its disorganized molecules. During cures, it shrinks considerably. The degree
of shrinkage is determined by the percentage of filler in the composite (most hybrids
are 60–65% filler by volume).

11.6 Closure

Current dental restorative materials can be used effectively for restoring teeth for
functional or esthetic reasons. Diverse materials such as metals, ceramics, polymers,
and composites are routinely used. Important properties include reliable mechani-
cal properties, corrosion/wear resistance, biocompatibility, and physical appearance.
No single material has been found that meets all the requirements. Furthermore, vir-
tually all restorative materials have components with potential health risks. How-
ever, there is no scientific evidence that currently used restorative materials cause
significant side effects. Available data do not justify discontinuing the use of any
currently available dental restorative materials or recommending their replacement.
The research is going along many different avenues. It is hoped that in the future,
there will be substantial volume of research in this field.
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Chapter 12
Ophthalmic Biomaterials

Rachel L. Williams and David Wong

12.1 Introduction

Ophthalmology is a branch of medicine that has seen many technological advances
in recent years. Lasers are used for imaging and treating many eye conditions and
their capabilities are further enhanced by computers and culminate in the integra-
tion of devices with neuronal elements to produce “artificial vision.” In virtually
all endeavors to develop therapies involving eye surgery, biomaterials play a central
part [6, 15] (Fig. 12.1). Contact lenses are worn on the corneal surface to improve
visual acuity in place of spectacles. Corneal implants, or keratoprostheses have been
designed to replace diseased or damaged cornea that have become opaque. Intraocu-
lar lenses are implanted following cataract surgery to replace the opaque crystalline
lens. Viscoelastic substances have revolutionized cataract surgery enabling the first
truly “key-hole” operations. Glaucoma filtration devices are use to produce a chan-
nel for the outflow of aqueous to prevent the increase in intraocular pressure. Tam-
ponade agents are used to replace the vitreous and treat retinal detachments. Retinal
implants are designed to transmit electrical signals to the brain via the retina and the
optic nerve.

Biomaterials are exploited for their various physical properties to achieve the
goals of surgery. The purpose of this chapter is not so much to enumerate the mate-
rials used, but to illustrate how treatment possibilities are being realized through an
understanding of biological requirements and how these can be met by the appro-
priate choice of biomaterial. There are a number of essential requirements that need
to be addressed by ophthalmic biomaterials which include the ability to deliver oxy-
gen to the tissues, modification of refraction, protection of tissues during surgery,
integration with the tissue, modulation of wound healing and tamponading of retinal
breaks. This chapter will address each of these in turn and will discuss the disease
processes, the requirements and the biomaterials solutions under each category.
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Fig. 12.1 The application of biomaterials in ophthalmology

12.2 Oxygen Delivery

A fundamental property of all viable biological tissue is respiration. The delivery of
oxygen throughout the body is usually via perfusion with blood vessels. There are
however a few notable exceptions where tissues do not have a direct blood supply
in terms of arteries, veins or capillaries; these include the cornea in the eye and the
cartilage in joints. Both tissues are bathed in fluids and the oxygen dissolved in the
fluids is capable of meeting the metabolic demands of the tissues. In the case of the
cornea, it is bathed on the internal aspect by aqueous humor and on the external
surface by the tear film.

The aqueous humor is produced by ciliary processes inside the eye. These are
highly vascularized finger like processes and the aqueous is formed by a combined
process of active transport and diffusion. There are constituents in the aqueous with
much higher concentration than in blood; this includes substances like vitamin C
and glutathione. Other dissolved substances such as oxygen and glucose simply go
down the diffusion gradient to supply the cornea.

The cornea is lined on the inner aspect with a single layer of cells called endothe-
lium. The substance of the cornea is called the stroma and is made up of extracellular
material and collagen fibers. The collagen fibers are arranged in lamellae or layers
with precise spatial separation, the dimension of which is related to the wavelength
of the visible spectrum of light. The endothelium keeps the cornea relatively dehy-
drated by an active transport mechanism. If for any reason the endothelium fails, the
cornea will become edematous and lose its transparency. The external surface of the
cornea is covered by a layer of epithelium. The cornea is also bathed with a film of
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tears. The tear film presents a smooth refractive surface for light to enter into the eye
and it transmits dissolved oxygen effectively to the corneal epithelium and stroma.

Covering the cornea by contact lenses potentially deprive the cornea of access to
the oxygen supply dissolved in the tear film. The biomaterials used to make contact
lenses deliver oxygen in different ways.

The number of people wearing contact lenses throughout the world is enormous
and the materials used in their manufacture have evolved since the 1930s. There are
a number of important properties required of a material to be suitable for use as
a contact lens. These include stability, being non-irritant, robustness for handling,
wettability to maintain tear film, resistance to spoilation by components of the tear
film and most importantly oxygen permeability. Here we will consider particularly
the way in which they influence oxygen delivery to the cornea.

The first readily available contact lenses were made of polymethylmethacrylate
(PMMA) [2]. This had some very successful properties in terms of ease of man-
ufacture to high tolerance, robustness for handling and stability. Its intermediate
wettability allowed sufficient tear film coverage but its major drawback was the
very poor oxygen permeability. This significantly restricted access of oxygen to the
cornea. The route to overcome this problem was to make these PMMA lenses small
so that they moved over the cornea during blinking thus allowing the tears to bathe
the cornea. The problem with oxygen permeability led to the development of rigid
gas permeable lenses.

Rigid gas permeable lenses are made by incorporating siloxane-based materi-
als with the methacrylates for example, methacryloxy-propyltris (trimethyl siloxy
silane) (TRIS) [21]. These materials had significantly higher oxygen permeability
but the presence of the siloxane groups also increased their hydrophobicity thus
reducing the tear film interaction and increasing the spoilation of the lenses. It is
generally found that hard lenses and the original PMMA ones are less comfortable
for the wearer and take longer for the eye to become accustomed to them.

Soft contact lenses are significantly more comfortable for the wearer. There
were originally two types of soft lenses, hydrogel and polydimethylsiloxane. The
first hydrogel lenses were developed from polyhydroxyethylmethacrylate (pHEMA)
with a water content varying around 38–80% [21]. This provided excellent wetta-
bility and thereby increased the comfort factor. Although the oxygen permeabil-
ity of these lenses was significantly better than PMMA it was afforded simply by
the bulk water content and therefore increases in the oxygen permeability required
higher water content and thinner lenses resulting in lenses that were more fragile
and difficult to handle. Since the maximum oxygen permeability was limited by
the water content of the gels it was determined that these lenses were not suitable
for extended wear use because the health of the cornea could not be guaranteed.
Most hydrogel lenses available now are copolymers of pHEMA with, for exam-
ple, methacrylic acid (MAA), methylmethacrylate (MMA) or N-vinylpyrrolidone
(NVP) and by adjusting the copolymer ratio it is possible to optimize the lens prop-
erties in terms of the water content, durability and strength. Many of these lenses
are now marketed as disposable lenses and will be worn once and then thrown
away.
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Polydimethyl siloxane lenses have excellent oxygen permeability due to the
bulky nature of the siloxane group and the high mobility of the polymer chains.
They also have very good mechanical properties for ease of handling. Unfortunately
the pendant methyl groups cause this material to be hydrophobic causing significant
disruption of the tear film and also have a high susceptibility to lipid attachment and
adhesion to the cornea. Attempts to increase the hydrophilicity of these lenses has
been achieved by coating then with hydrogels or by gas plasma treatments.

Further developments in these devices then moved to exploring ways to incor-
porate components of both the hydrogels and the siloxane materials in an attempt
to provide a material with both high oxygen permeability and high wettability. The
development of silicone containing hydrogels has several difficulties including how
to overcome the incompatibility for the hydrophobic and hydrophilic components
during manufacture, which can lead to phase separation and consequent opacity.
The key to achieving this has required the development of polymerization routes
that allow the mixing of the hydrophobic and hydrophilic monomers. In contrast
to the hydrogel lenses, which rely on the water content to increase oxygen perme-
ability, these lenses rely on the silicone component and increases in the hydrogel
component will decrease the oxygen permeability. Unfortunately these copolymers
form with the silicone component at the surface; thus they are hydrophobic and
therefore suffer from the same problems as the pure silicone lenses. To overcome
this the surfaces can be modified to increase their hydrophilicity.

12.3 Refraction

The main conditions that we shall consider are myopia (short-sightedness), hyper-
metropia (long-sightedness), astigmatism and aphakia (without a lens). These are
generally referred to as refractive errors. It means that the optics of the eye cannot
focus a clear image onto the retina. To understand why, it is necessary to know how
light is refracted by the various structures of the eye.

The main refractive power of the eye is provided by the cornea and to a lesser
extent by the crystalline lens inside the eye. The cornea has an external surface
covered by a tear film. Light rays travel from air (usually) and are refracted by
curvature of the tear film overlying the cornea and enter into the eye. Once inside,
the light rays are marshalled by the pupil, which varies in size allowing different
amount of light through to the crystalline lens. The substance of the cornea and
the aqueous has a refractive index of about 1.3, whereas the crystalline lens has
greater refractive index of 1.4. The lens presents a front curved surface such that
the light rays entering the lens will be further refracted. The lens has an even more
steeply curved back surface. As the light rays exit the lens and enter the vitreous
humor, there is a change in refractive index from 1.4 back to 1.3. The light rays are
further refracted and travel through the vitreous cavity until they reach the retina. In
a person with no refractive errors, the light rays will be refracted and be brought to
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focus on the retina thus creating a clear image. When the optics of the eye fails to
do this, refractive errors are said to occur.

The commonest refractive error is myopia. Myopia is often due to increased axial
length; the eye is larger and the optics of the eye focuses the image of a distant object
in front of the retina. By bringing the distant object nearer, the image can then be
focused onto the retina. This is why myopia is also commonly called near or short
sightedness. The “opposite” situation is when the axial length of the eye is too short,
such that a distant object is brought to focus “behind” the retina. This is referred
to as hypermetropia. Most young patients are capable of increasing the refractive
power of the eye by “accommodation”. By exercising the ciliary muscles, the lens
changes its shape and becomes more rounded thus presenting a more curved surface
to refract the light rays. Accommodation in the hypermetropic patient might bring
a distant object into focus. There is however a limit to this accommodation and it is
therefore more difficult to focus an image the nearer it is to the hypermetropic eye.
That is why hypermetropia is also called long-sightedness, as it is easier for these
patients to focus distant objects than those closer to the eye.

So far we have alluded to refractive errors caused by the eye having axial lengths
that are too long or too short. Refractive errors can also be caused by the cornea
being either too curved or too flat. The cornea presents an air/tear film interface and
is therefore responsible for most of the refractive power of the eye. If the corneal
surface is not perfectly rounded but is elliptical instead, then the refractive power
in one axis may be greater than another. This creates what is called astigmatism.
A point source of light in the distance cannot be brought into a single point focus
inside the eye. A small amount of astigmatism is present in almost every person.

Another common cause of refractive error is due to cataract extraction. Cataract
is the cloudiness of the crystalline lens of the eye. When a cataract is removed, the
eye is no longer capable of focusing an image; replacement of the refractive power is
required. This is achieved usually by placing an artificial intraocular lens in the eye.
The normal crystalline lens is capable of changing focus as we alluded to previously.
As yet, there is no intraocular lens that is capable of producing a significant amount
of focusing.

In the case of refractive error, the requirement is simple. The aim is to focus
the image on the retina. This is usually straightforward when both eyes have the
same refractive error. There are some instances when the two eyes have significantly
different refractive error. For example, a patient can be myopic in both eyes but only
one eye develops a cataract. When the cataract is removed, one has an opportunity
by using an intraocular lens to correct not just for the aphakia but also the myopia. If
that is done, the un-operated eye will remain shortsighted, but the operated eye is in
focus. This situation is called anisometropia, where the two eyes have significantly
different refraction. The result of anisometropia is that the image size of an object
cast on the retina can be significantly different between the two eyes. This difference
in image size is referred to as aniseikonia. It has been estimated that the brain can
cope with up to 30% difference in the image sizes but beyond this a patient might
experience confusion and double vision. So the requirements are not only to provide
refractive power to correct for errors, but also to balance the two eyes.
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Hard contact lenses rest on a film of tears. The main refractive surface then
becomes the front surface of the contact lens rather than the tear film overlying
the cornea; however, the tear film between contact lens and the cornea is also a
refractive tool. Its front surface conforms to the back surface of the hard contact
lens; its back surface conforms to the front surface of the cornea. The tear film
has a refractive index close to that of the cornea. It therefore effectively neutral-
izes the refractive power of the front surface of the cornea. The front surface of the
tear film is of course perfectly rounded as it conforms perfectly to the back of the
hard contact lens. Therefore, the tear film acts as an astigmatic lens, overcoming
the imperfection of the curvature of the cornea, converting an elliptical surface to a
perfectly rounded surface. Hard contact lenses, in particular rigid gas permeable for
example, silicone/acrylates and fluorosilicone/acrylates [3], are therefore useful for
correcting astigmatism and can achieve this correction to limited extent. Soft con-
tact lenses are more flexible and conform to the shape of the cornea. There is less of
a tear film between the soft contact lens and the cornea. It is therefore not generally
suitable for patients with astigmatism caused by elliptical curvature of the cornea.

12.4 Tissue Protection

Modern cataract surgery is often described as small incision microsurgery. Indeed,
the cataract operation is one of the first keyhole type surgeries. The cataract has
the shape and size of a “Smartie”, being about 10 mm in diameter and 6 mm in
thickness. In a young person the lens is semi-solid and capable of altering its shape
largely as a result of the elasticity of the lens capsule. When the lens turns catarac-
tous in old age it becomes very hard. Removing a lens in a child can be achieved
by aspiration as the lens material is soft and this can be done via a small incision.
After the age of 40, most lenses are too hard to be removed simply by aspiration.
With the advent of phacoemulsification, small incision surgery was made possi-
ble. A special probe can be inserted into the eye via a small incision. This probe
has a needle, which vibrates at ultrasound frequency providing the energy neces-
sary to break down and liquefy the hard nucleus of a cataractous lens. The needle
has an outer sleeve that provides an infusion and cools the needle and prevents the
ultrasound energy from burning the surrounding tissue. Modern cataract surgery is
therefore an elegant operation and is highly effective. The small incision ensures
rapid visual recovery and minimizes the distortion of the cornea that can produce
undesirable astigmatism.

The use of ultrasound and the delivery of high energy into the anterior cham-
ber are not without hazards. As described earlier the cornea is made up of collagen
fibers arranged in layers. The transparency of the cornea is thought to be critically
dependent on the spacing of the layers of collagen and when the cornea is water-
logged, it loses its transparency. The endothelium on the inner surface of the cornea
plays a vital role in the active transport of water from the cornea. In adult life, the
endothelial cells do not divide nor replenish themselves. With surgical trauma, such
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as bending and distorting the cornea, endothelial cells are lost and a major concern
is that the use of phacoemulsification can significantly increase endothelial cell loss.
If the cell count falls below a critical level the endothelium can no longer maintain
the clarity of the cornea.

Viscoelastics are used routinely in all cataract surgery. When injected into the
anterior chamber, they coat the endothelium and absorb some of the ultrasound
energy from the phacoemulsification probe. Furthermore, the viscoelastics are used
to fill the anterior chamber to increase its depth such that instruments can be intro-
duced without directly touching or damaging the endothelium. It is also injected
between tissues as a spacer and provides a gentle way of separating them or hold-
ing structure back. The viscoelastics tend to stay together as a single bulk so any
bleeding will not enter the substance of the viscoelastics; thus they help to maintain
clarity and when the anterior chamber is filled it will not be obscured or stained by
bleeding.

Viscoelastics are long chain polymers. Energy is dissipated through the relax-
ation processes in the long chain molecules of the viscoelastic substance thus they
are capable of damping vibrations. Viscoelastics have several other important prop-
erties. They are described as cohesive, dispersive and viscous. Cohesive viscoelastic
substances tend to have high molecular weights and high surface tension; they tend
to stay together as a single bulk but they tend not to coat the tissue. Dispersive
viscoelastic substances tend to have lower molecular weights and lower surface ten-
sion; they adhere to structures and they spread and coat tissues. In general, more
viscous substances tend to flow less well. Once injected into the anterior cham-
ber, they can be relied on to keep it inflated long enough to carry out some surgi-
cal maneuvers, even though the pressure in the eye tends to push the viscoelastics
out. Combinations of viscoelastic substances with different properties are some-
times used. The so-called “soft-shell” technique uses first a viscoelastic with good
dispersive properties to coat, adhere and protect the endothelium then, second, a vis-
coelastic with high viscosity and cohesive property is injected to keep the anterior
chamber filled and inflated in order to carry out the phacoemulsification. Materials
currently used in these products include hydroxypropylmethylcellulose, hyaluronic
acid, chondroitin sulfate, polyacrylamide, collagen and various mixtures of these
materials in an attempt to optimize the dispersive and cohesive properties [1, 16].

12.5 Tissue Integration

The integration of biomaterials with the tissue is an essential element of the treat-
ment for a number of eye conditions. To give some examples in this section, we will
deal with keratoprostheses for a temporary or permanent artificial corneal trans-
plant, coral or hydroxyapatite orbital implants following removal of the eyeball and
a “chip camera” as a retinal implant for artificial vision. It has to be pointed out that
both keratoprosthesis and retinal implants are some way from being successful in
the sense that neither are readily available as a viable treatment as yet.
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12.5.1 Artificial Cornea Transplants

The cornea can turn opaque and cause blindness commonly from infection, trauma
and some genetic eye condition. In the Western world, herpes simplex infection
is common. Bacterial infections can lead to ulceration and the subsequent healing
gives rise to cloudiness and loss of vision. Xerophthalmia is a major cause of blind-
ness in Africa and Latin America. It is associated with vitamin A deficiency and
general malnutrition. Infection and trauma leads to scarring of the cornea as part
of the healing process. Scarring of the cornea give rises to loss of transparency
and to the development of new vessels. Corneas that are severely damaged can be
treated with corneal transplant (penetrating keratoplasty). Transplant of any human
tissues are associated with rejection as the body becomes sensitized and mounts
an immune reaction against the transplanted tissue. Rejection of the cornea is par-
ticularly a problem with eyes that have developed new blood vessels. Transplant
requires donors and there has always been a shortage of donor material especially in
third world countries. The sheer number of patients involved with corneal scarring
diseases is such that it has long been imperative to find an artificial cornea graft or
keratoprosthesis rather than to rely on donation from deceased donors.

The keratoprosthesis needs to be watertight since any leaks will give rise to por-
tals for infection. By definition this requires the artificial cornea to integrate with
the surrounding eye tissue, which are often abnormal and damaged by infection or
trauma. For example, the eye often has abnormal lids that do not close properly and
the conjunctiva may be dry and contracted. The keratoprosthesis will have to be
transparent to allow light to enter the eye for sight. If the eye is severely damaged,
it may also not have a crystalline lens so in these situations the keratoprosthesis will
need to have refractive power to substitute for the lack of a lens in the eye. Further-
more, ideally the outer surface should support a functional corneal epithelium. The
response of corneal endothelial cells to the inner surface of the keratoprosthesis also
needs to be controlled.

Early designs consisted of PMMA cylinders to act as the optically clear win-
dow and various mechanical means of anchoring this to the surrounding tissues, for
example, the Dohlman “collar-button” keratoprosthesis. Clinical results from these
devices are limited mainly due to lack of integration of the surrounding tissue with
the device. Attempts to improve this were made by incorporating the PMMA optic
in autologous tissue such as tooth as in the Strampelli osteo-odonto-keratoprosthesis
[10].

The next generation of keratoprosthesis involved a move towards more flexi-
ble materials that would improve the mechanical integrity of the tissue/implant
interface. Initially these included various porous polymer skirts still attached to
a rigid PMMA optic but more recently the advantages of flexible materials for
the optics have also been realized, for example silicones and polyurethanes. The
properties of the porous skirts require sufficient mechanical strength to with-
stand intraocular pressure and suturing to the surrounding tissue and they should
encourage keratocyte ingrowth, collagen deposition and stabilization. Initially these
were constructed from PTFE or carbon fiber reinforced PTFE (Proplast), which
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were successful in terms of tissue ingrowth and suture placement. However, their
attachment to a rigid PMMA optic was a recurring problem. Thus there was a
focus of the research towards a one-piece, flexible design allowing tissue ingrowth
directly into the device to produce a stable interface. Preliminary studies investi-
gated the use of a device with a porous PTFE skirt, which was chemically bound
to a transparent polyurethane elastomer optic with some success. Other combi-
nations explored included silicone elastomer optics with carbon-fiber haptics and
polypropylene/polybutylene skirts with PVA copolymer hydrogel central optics [5].

Major studies have evaluated the possible use of pHEMA in this application, in
which the properties of the pHEMA can be controlled by the water content and they
can be manufactured such that they consist of an outer poly HEMA sponge skirt
which is fully integrated with a transparent optic [4].

In some situations, re-epithelialization of the keratoprosthesis surface is imprac-
tical owing to the underlying disease situation. If, however, appropriate ocular con-
ditions apply, it would be a significant advantage if epithelialization of the surface
could be achieved. The absence of this layer allows the entrance of bacteria, epithe-
lial down-growth at the interface and inhibits spreading of the tear film. Current
research to improve this process investigates the influence of surface properties and
their modification on the epithelial cell adhesion and spreading [9].

12.5.2 Artificial Eye

The eye is sometimes removed as a whole because it contains a cancerous tumor
or because of severe trauma. Severe injury can result in an eye that is not only
blind but also painful. Healthy eyes have an intraocular pressure (IOP) as a result
of the constant secretion of fluid (aqueous) by the ciliary processes within the eye.
The fluid is drained away mainly via the anterior chamber angle; the drainage of
the fluid against the resistance provided by the anterior chamber angle gives rise to
the IOP. End-stage diseased eyes often have poor capacity to secrete fluid and the
eye as a result is soft and appears collapsed. Quite apart from any visible damage,
the sunken eye socket will be unsightly.

There are three main requirements when an orbital implant is placed in the socket
after an eyeball is removed. First, the implant must replace the lost volume. Second,
the implant should be capable of some “eye” movements. Third, the implant should
be integrated to be secure such that it would not extrude from the eye socket.

Replacement of the volume is important when an eye is removed. Otherwise the
socket appears sunken and unsightly; the upper lid will have a deep groove and the
face will look asymmetrical. The eyeball is normally about 5–6 mL in volume. An
orbital implant is used to fill the majority of this volume and a contact lens is used
to cover this and improve the appearance.

The eyeball is attached by six “extra-ocular” muscles that move the eyeball as
it looks in various directions. When the eye is removed surgically, the muscles are
cut from the eye and the optic nerve is then divided. The eyeball is replaced with
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an orbital implant, which is simply a spherical ball. This spherical ball is usually
covered with donor sclera or with a polymer mesh. The muscles of the eyes are
reconnected by sutures onto the surface of the covering so that when the other eye
moves, the orbital implant also moves. When the patient wears a contact lens over
the orbital implant, it gives the appearance that the two eyes are moving together.
For small eye movements (looking say 30◦ in each direction), the “artificial eye”
and the other eye usually move in a very realistic fashion but the movement of the
“artificial eye” is limited in extreme directions of gaze.

Although orbital implants are attached to the muscles and covered by subcu-
taneous tissue and conjunctiva, they have a tendency to extrude. Extrusion occurs
when the tissue overlying the implant wear away or breakdown [17]. This can occur
when there is infection or if the implant is too big (to get the maximum volume
replacements, surgeons tend to use the largest possible implant). The rate of extru-
sion depends on surgical technique and there being sufficient tissue to cover the
implant and close the wound without putting the tissues under undue pressure. The
foreign body response to the implant plays a significant role in the extrusion pro-
cess. In the past, all implants were made of PMMA and the body tends to form a
fibrous capsule and hold the implant in place. More recently, coralline hydroxya-
patite (Fig. 12.2), alumina and porous polyethylene have been used [19, 7]. Their
porosity allows the ingrowth of blood vessels and scar tissues, thus improving the
integration of the implant with the tissue. After integration has occurred, a hole is
sometimes drilled into the implant and a corresponding peg is made in the overlying
contact lens. In this way, the orbital implant is directly connected to the contact lens
and the range of movement of the artificial eye is increased [18].

Fig. 12.2 Hydroxyapatite
orbital implant
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12.5.3 Retinal Implants

There are a number of degenerative retinal diseases that cause blindness. Some such
as retinitis pigmentosa has a genetic underlying cause and the photoreceptors and
the underlying pigment epithelium are affected. In the last stages of the diseases, the
blood vessels supplying the retina become thin and the optic nerve appears atrophic.
Despite these advanced degenerative changes, many of the retinal ganglion cells
remain viable. The ganglion cells form the inner layer of the retina and their axons
normally carry signals to the brain via the optic nerve. In end-stage retinitis pigmen-
tosa, the photoreceptors are atrophic and no longer react to light stimulation thus the
eye is blind. With some of the ganglion cells remaining intact, it is possible to stim-
ulate these cells directly electrically to produce the sensation of light. Access to the
ganglion cells would be via the inner surface of the retina. This is known as the
epiretinal approach. However, the normal retina is a network of cells that carries out
signal processing locally before passing the information to the brain. This network
is organized in such a way that it is particularly sensitive to the boundaries of light
and dark, and to the orientation and the movements of such boundaries. This local
processing is designed to extract the most “important” information from images cast
on the retina and to pass this information on to the brain via the optic nerve. If retinal
implants [23] are used to stimulate the ganglion cells directly, this input is bypassing
most of the cells within the retina thus removing this local image-processing step.
Therefore this processing work has to be carried out externally by a computer. An
alternative approach is to use subretinal implants. By placing the retinal implants
under the retina, these devices make use of the network of cells to carry out the
local processing of the image.

Retinal implants need to make good contact with the retina to facilitate electri-
cal conduction. The implants need to be anchored in a stable fashion so that good
electrical contact is maintained despite movement of the eyes and the head. The
anchoring or attachment of the implant should not be simply mechanical, but ide-
ally involve cellular integration, with neurons (glial cells) growing into the implant
to ensure good conductivity. The implant should not ideally produce a local inflam-
matory and fibrous tissue response. If the glial tissues in contact with the implant are
replaced by scar tissues (fibroblasts-like cells laying down collagen) then the con-
ductivity would be reduced and progressively larger currents would be necessary to
stimulate the retina.

In the subretinal approach [20] an array of micro photodiodes is implanted under
the retina sitting on the retinal pigment epithelium and assuming the role of the
photoreceptors. The micro photodiodes therefore, process the incident light into
electrical energy. The electrical energy is passed to the postsynaptic cells in the
retina and thereby transferred to the optic nerve. The arrays of micro photodiodes
are fabricated into discs in the order of 100 μm thick and 3 mm in diameter. These
can be implanted subretinally either via the vitreous cavity or through the sclera.
Prototype devices have been implanted in animals and have been well tolerated in
terms of the tissue response to the materials although some degradation of the metal
microelectrodes, usually manufactured from gold or silicon, has been reported. It
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has also been demonstrated that some improvement in visual perception is possible
although it is not certain that this is a result of electrical stimulation of the retina by
the device since the surgery itself could cause transient stimulation due to release of
neurotrophic factors. Further it is debatable whether sufficient electrical energy is
produced by the currently available micro photodiodes to stimulate the retinal neu-
rons and current research is developing secondary systems to amplify the response.

Fig. 12.3 Uncapsulated version of an
epiretinal retinal prosthesis with the
microfabricated antenna coil for data
and energy transfer and the electronic
components of the transponder
system (top) and the microelectrode
array with its drivers (bottom).
Polyimide is used as the basic
material. (We acknowledge Professor
Peter Walter and the EPI-RET III
consortium for providing this figure)
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In the epiretinal approach the implant (Fig. 12.3) is placed on the inner surface
of the retina and ganglion cells are directly stimulated. In this approach, therefore,
the image has to be captured using a camera and processed to provide the properties
of the image as a series of short current pulses. The camera is sometimes implanted
in the lens capsule following lens extraction in a similar manner to cataract surgery.
Intimate contact between the epiretinal implant and the ganglion cells is required
for effective stimulation. It will be very important to maintain this during long-
term implantation and thus it will be necessary to limit tissue ingrowth between
the implant and the retina as a result of the response to the materials and/or the
stimulation.

Animal studies have shown that these devices are well tolerated and have been
shown to cause local activation of the visual cortex and preliminary clinical trials
in blind patients have reported improved visual perception. Further technological
advances in this area could lead to devices that could restore significant visual acuity
to patients with degenerative diseases of the retina which are otherwise untreatable.

12.6 Modulation of Wound Healing

There are a number of instances where biomaterials are being used to modulate
the wound healing response as part of a treatment process. This includes glaucoma
filtration devices in which the control of fibrosis is used to allow fluid flow from the
eye to control the IOP.

Glaucoma is a common ophthalmic disease, which results in the increase of
IOP. This leads to damage to the optic nerve and significant loss of vision. Many
glaucoma patients are successfully managed with a simple drug regime. For some
patients, however, this does not control the IOP and it is necessary to use a surgical
procedure to release fluid from the back of the eye, bypassing the normal route for
fluid flow from the back to the front of the eye. Trabeculectomy is the procedure
of choice but control of the fluid flow can be difficult and lead to hypotony of the
eye. Implantation of glaucoma filtration devices is used to improve the control of
the fluid flow.

Initially these devices were simple setons designed to maintain patency of the
channel through the sclera/cornea into a subconjunctival bleb and involved materials
such as silk, gold, platinum and magnesium. These universally failed often due to
a chronic inflammatory response leading to occlusion of the channel. Tube designs
were developed using materials such as polyethylene, silicone and PMMA. The
success of these tubes depended on the fibrosis formed in the subconjunctival space
to control the hypotony [14].

In 1969 Molteno developed a tube and plate design, which forms the basis of
the current devices in clinical use. The idea of this design was that the plate would
control the fibrosis around the subconjunctival bleb to maintain the patency of the
fluid flow out of the eye. Current devices (Fig. 12.4) are predominantly made from
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Fig. 12.4 Flexible plate
Ahmed valve (kindly
provided by Altomed Ltd,
UK)

silicone and various design modifications have been made to incorporate valves
within them to control the outflow of fluid [12].

12.7 Interfacial Tension and Tamponade

Retinal detachment is an important cause of blindness in the western world. It is the
final common pathway for many disease processes including diabetic retinopathy
and age-related macular degeneration. Retinal detachment is the separation of the
neurosensory retina from the underlying pigment epithelium. The commonest rea-
son for retinal detachment is that caused by a retinal break called rhegmatogenous
retinal detachment.

The center of the eye is filled with a transparent jelly-like substance called the
vitreous. The gel is made up of a network of long collagen fibers with glycoprotein
such as hyaluronic acid bound to the collagen. The hyaluronic acid in turn binds to
many molecules of water by non-covalent bonds leading to a gel which has 97% by
weight of water giving the vitreous a jelly-like, semi-solid consistency. The vitreous
moves as a single body when the eye moves, as it looks from one side to the other.
The vitreous is normally attached loosely to the back of the lens and the whole sur-
face of the retina and the optic nerve. With age and with certain conditions such as
abnormally high degree of myopia, the vitreous gel loses its homogenous consis-
tency and the collagen network collapses. The vitreous becomes detached from the
optic nerve and the posterior retina, whilst remaining attached to the retina and pars
plana anteriorly. As a result, the vitreous no longer moves as a single body. With
eye movement, the eye wall rotates and the vitreous posteriorly lags behind creating
what is referred to as dynamic traction. This vitreous traction is the cause of retina
tears.
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The collapse of the vitreous and its separation from the optic nerve and the sur-
rounding retina are referred as Posterior Vitreous Detachment (PVD). The posterior
chamber is now made up of the semi-solid vitreous gel immediately behind the lens
and water-like fluid vitreous in front of the retina. Eye movements in addition to
producing traction on the retina also create currents in the fluid vitreous. After a
retinal break is formed, the fluid behind the vitreous is channelled through the retina
break and causes the retina to be detached. The fluid vitreous underneath the retina
is now referred to as subretinal fluid. The separation occurs at the level of the pho-
toreceptors such that the neurosensory part of the retina (all the nerve cells) is lifted
away from the underlying epithelial part of the retina (retinal pigment epithelium).
Once detached, the photoreceptors become apoptotic within hours. For this reason,
the treatment of retinal detachment is relatively urgent otherwise there will be irre-
versible loss of vision. Thus a rhegmatogenous retinal detachment is caused by the
combination of dynamic traction and currents in the fluid vitreous in the presence
of a retinal break.

The treatment of retinal detachment aims at closure of the retinal breaks. The
subretinal fluid can be drained away but this may be unnecessary because once the
retinal break is closed, the subretinal fluid will be carried away by active transport by
the retinal pigment epithelial cells. Retinal breaks are closed in one of two ways: by
external or internal tamponade. The word tamponade carries the meaning of “plug-
ging.” External tamponade refers to buckling of the sclera. In this process the full
thickness of the eye wall, including the choroids and the retinal pigment epithelium
is “pushed in” to “plug” the retinal break. Scleral buckling is achieved by sutures
and by the use of explants. The explants are made of either soft sponge-like silicone
or more solid silastic material. Internal tamponade relies on the use of bubbles. The
bubbles can be gas or liquid; they must be immiscible with water and form an inter-
face with fluid vitreous. When injected into the vitreous cavity, they push against the
retina “plugging” the opening thus preventing further liquid vitreous getting into the
subretinal space.

The ability of a tamponade bubble to close retinal breaks depends crucially on
the shape of the bubble. For example, if the bubble has a specific gravity close to that
of the fluid vitreous, it will tend to remain spherical. This shape is not particularly
useful because it makes only a small area of contact with the upper part of the retina.
Thus positioning the bubble over the retinal tear requires the patient to position their
head (and eye) in such a way in order to “float” the bubble against the correct part of
the retina. Once the retinal break is closed, it needs to be “sealed” with retinopexy.
Retinopexy is induced either by cryotherapy or laser photocoagulation. It causes
controlled and localized tissue damage around the edge of the break. The healing
response causes an adhesion of the retina to its surrounding structure and thereby a
watertight seal. This healing response takes two weeks or so to form.

The effectiveness is therefore dependent on the shape of the bubble. This in turn
is dependent on the interfacial tension against water and on the specific gravity of
the gas or liquid bubble. Of the two, specific gravity is much more important in
determining the shape of the bubble. In the case of liquid tamponade agents, the
viscosity becomes an important consideration. There are two groups of tamponade
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agents: the gases and silicone oils. They are all immiscible with water; the gases,
however, are absorbable and will exit the eye. Silicone oils stay in the eye until they
are removed usually 3–6 months after they have been injected although in some
instances they are left in the eye permanently.

If an air bubble is used, the air will dissolve in the fluid vitreous and move down
the concentration gradient into the blood stream and be carried out of the eye. The
bubble may not plug the retinal breaks long enough for the retinopexy to take effect
and the retina may become detached again. For this reason, gases such as sulfa-
hexafluoride and perfluoropropane that are relative insoluble in water are used. This
prolongs the retention of the bubble in the eye. Indeed, if a bubble of pure perflu-
oropropane is injected into the eye, dissolved nitrogen in the blood tends to move
down the concentration gradient from the blood stream into the bubble. The bubble
will therefore expand in size until equilibrium is reached when the egression of dis-
solved gases is balanced against the entry of dissolved nitrogen from the eye. This
expansion of the bubble can give rise to a dangerous rise in the pressure, so insol-
uble gases like perfluoropropane are normally diluted with air to a non-expansile
concentration such that the bubble would be in equilibrium avoiding a possible rise
in eye pressure.

All gaseous tamponades will eventually dissolve and come out of the eye. This
usually takes a few days and at most a few weeks depending on the solubility and
concentration of the gas used. For example, a bubble made up of 12% perfluoro-
propane and air can last up to 10 weeks inside the eye. The bubble will, however,
get smaller and smaller such that it is not useful for supporting the upper part of
the retina for much more than 3 weeks. Specifically, in cases of Proliferative Vitre-
oretinopathy (exaggerated healing response), scar tissues can pull on the retina to
form new retinal breaks and give rise to recurrence of retinal detachment. In these
instances, it is desirable to achieve a wide support of the retina for a prolonged
period. For this a non-absorbable tamponade agent might be used which normally
means silicone oils.

It is important to compare the behavior of the gases and silicone oil tamponades
[22, 8]. Gas or gas air mixtures have high interfacial tension with water (e.g., 80
dynes/cm for air). They are expected to adopt a very rounded shape. But because
the specific gravity is so low (approximately 0.001 g/mL), the buoyancy is very
high. Instead of a spherical bubble, gas and air bubbles have the shape of spherical
caps. Silicone oil has a relatively low interfacial tension (35 dynes/cm), but a specific
gravity (0.97 g/mL) close to water (1 g/mL). Silicone bubbles are almost spherical.
For any given volume of a bubble, the more spherical the bubble, the less area of the
retina it is expected to tamponade (Fig. 12.5).

Both groups of tamponade agents have their advantages and their limitations. A
bubble of gas with its spherical cap shape means that most of the volume of the
tamponade is used to support the retina but the bubble gets absorbed and duration
of tamponade is limited. A bubble of silicone does not get absorbed and if the pos-
terior segment of the eye is totally filled with silicone oil, then retinal breaks in all
locations can be plugged. Randomized trials, however, failed to show silicone to be
more effective than gas. One important reason for limitation of silicone oil is that
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Fig. 12.5 Tamponade bubbles in a model eye chamber to illustrate the shape of the bubbler; (A)
and (B) silicone oil bubbles, (C) and (D) air bubbles

it is not possible to totally fill the eye. Since the silicone oil bubble will maintain a
spherical shape any under fill will result in a significant area of the lower part of the
retina, which is not tamponaded.

Silicone oil was first introduced as a possible tamponade agent in 1958 [6]. There
have been several multi-center trials of silicone oil tamponades that have reported
that retinal reattachment is achieved in the majority of eyes using vitrectomy and a
silicone oil tamponade and that the visual outcome is acceptable. There are, how-
ever, also several case studies that demonstrate specific problems associated with
the use of silicone oil. These include inflammatory responses, retinal toxicity, lack
of tamponading and emulsification.

For several years 1000cSt silicone oil was used clinically and after varying peri-
ods of time the oil was reported to emulsify in the eye. This caused three spe-
cific problems; first that the emulsion could not tamponade the retina, second the
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emulsified droplets caused a clouding of the vision and third the emulsified droplets
could stimulate adverse biological responses including inflammatory reactions and
blocking of the fluid outflow from the eye. To reduce the risk of emulsification,
5000cSt silicone oil is now advocated for clinical use. However, the high shear vis-
cosity of this oil significantly increases the difficulty of injecting the tamponade
agent into the eye and its removal after the retina has reattached.

To tamponade retinal breaks in the lower segment of the retina it was necessary
to find a tamponade agent that was heavier than water. Perfluorocarbon (PFC) with
more than a five-carbon chain are liquids at room temperature. They are immis-
cible with water and having been originally investigated as blood substitutes have
been shown to be non-toxic. PFCs are substances composed of a carbon backbone
saturated with fluorine atoms. They are typically formed by fluorination of parent
hydrocarbons. A range of PFCs is currently available for clinical ophthalmology
applications

They are optically clear and their refractive index varies between 1.2 and 1.3.
This property allows visualization of the retina through the PFC bubble. In practice
it is desirable for an intraoperative tool to have a refractive index different to that
of water (1.33), so that the interface between the agent and the infusion fluid can
be seen during the vitreo-retinal procedure. As a tamponade, it is desirable for the
agent to have refractive index closer to water so that the eye would undergo minimal
refractive change post-operatively. The specific gravity of PFCs is in the range 1.7–
2 g/cm3 and thus they are significantly higher than water. So they will sink below
water but also the buoyancy forces will be significantly higher, thus the bubbles will
be flattened, increasing the contact between the retina and the tamponade agent.
In addition, they are less hydrophobic than silicone oil and therefore will make
more contact with the hydrophilic retina than silicone oils due to their interfacial
energetics alone. However, their hydrophobic nature limits their passage through
retinal breaks and increases the effectiveness of the PFC in providing intraocular
tamponade to retinal breaks. PFCs have low viscosity (0.8–8.0 mPas) and although
this property facilitates the injection and removal of the PFC through small-bore
instruments during the surgery, it also increases their tendency to disperse into small
bubbles.

Although PFCs have been shown to be non-toxic chemically the retina under
them have been reported to suffer irreversible damage. It is believed that the high
difference in specific gravity of these material and water could cause this damage
either because the pressure on the retina is too high or that they are too effective at
excluding water from the retinal tissue. Recent studies would suggest that the latter
is more likely to be the cause.

The lack of short-term toxicity makes them ideal intraoperative tools for exam-
ple, to unfold retina, the removal of subretinal fluid and the flotation and removal
of dislocated intraocular lens components. At the end of the procedure they are
removed and replaced with a tamponade agent that can remain in the eye for
extended periods of time, for example silicone oil.

More recently semifluorinated alkanes (SFA) have been developed as tampon-
ade agents [13, 11]. They are transparent liquids that are immiscible with water. In
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terms of their interfacial energetics they are amphiphilic in that they have both a
hydrocarbon end that is hydrophobic and a fluorocarbon end that is less hydropho-
bic. Measured against water their interfacial energetics is similar but slightly lower
than that of PFCs. They have a lower specific gravity than the PFCs at between 1.2
and 1.7 g/cm3 and thus, although they will sink below the remaining aqueous, the
buoyancy forces will be less and therefore the bubbles will be more rounded than
the same volume of PFC. These materials have low viscosities of around 2.5 mPas,
making them easy to inject and remove through small-bore instruments but suscep-
tible to emulsification.

The amphiphilic properties of the SFAs make them soluble in PFCs, hydrocar-
bons and silicone oil. It has recently been considered that it would be possible to take
advantage of this property and mix SFAs with other tamponade agents, for exam-
ple, silicone oil, to attempt to make a tamponade agent that has the advantageous
properties of each material and overcomes the disadvantages of each.

The complete solubility of SFA in silicone oil can be produced in the laboratory.
By mixing these materials in different ratios it is possible to produce fluids with
different specific gravities. Several of these materials are available with a range of
properties controlled by the ratio of the two components. These have the advantage
of being heavier than water but with a lower buoyancy force in comparison with
SFA or PFC alone. They also have a significantly increased viscosity in comparison
with the pure SFA and PFCs making them potentially less susceptible to emulsifica-
tion while at the same time they are less viscous than pure silicone oil, thus making
them easier to handle. Thus these mixtures have the potential to overcome two of
the disadvantages of pure SFAs and silicone oil. That is they will gently tampon-
ade the inferior retina owing to the fact that their specific gravity is only slightly
higher than that of water and they have a viscosity in a useful range. Unfortunately
because of the chemical structure the interfacial energetics of the mixtures mimic
those of silicone oil, i.e., highly hydrophobic rather than the less hydrophobic SFA.
The interfacial energetics cause the SFA/silicone oil mixture to behave in a similar
manner to pure silicone oil, that is they will make poor contact with the retina and
they will not fit well into recesses formed by scleral explants. However it is expected
that they will be as effective as silicone oil in the inferior section of the cavity and a
thin layer of aqueous around most of the bubble could be beneficial in terms of the
health of the retina.

12.8 Concluding Remarks

Biomaterials have made huge contributions to advances in ophthalmology with vis-
coelastics, intraocular lens and contact lenses being notable examples. There are
areas where progress has led to recent developments, for example, the introduction
of heavy liquids and heavy silicone oils for the treatment of retinal detachments.
There are, however, many difficulties to overcome before artificial vision can be
achieved through the use of retinal implants. These challenges can only be met
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by the combined effort of clinicians, biologists, computer scientists and bioengi-
neers. Undoubtedly, further understanding of the role that biomaterials have in these
devices will lead to success in the future.
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Chapter 13
Hip Prosthesis

Afsaneh Rabiei

13.1 Introduction

Hip prosthesis or hip replacement surgery becomes necessary when the hip joint
has been badly damaged from any cause such as arthritis, malformation of the hip
since birth or abnormal development and damage from injury. Figures 13.1 and 13.2
show the anatomy of a natural hip. As can be seen, a natural hip is composed of a
femoral stem (thigh bone) with a femoral head on top of it, that articulates against
the acetabular cup in the acetabulum. As all other joints, there exists a cartilage
between the acetabular cup and the femoral head to lubricate their movement and
facilitate the articulation. In an arthritic hip joint, the cartilage has been damaged,
narrowed or even lost by a degenerative process or by inflammation. Figure 13.3
shows an arthritic hip joint in which the cartilage has been damaged. This can make
movement very painful for the patient. According to the Centers for Disease Control
and Prevention, one out of every three Americans (an estimated 70 million people)
is affected by one of the more than 100 types of arthritis. If a part of the joint is

Fig. 13.1 Anatomy of a natural hip joint (image courtesy of Medical Multimedia Group,
www.medicalmultimediagroup.com)
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Fig. 13.2 Close up illustration of the anatomy of a natural hip joint (image courtesy of Medical
Multimedia Group, www.medicalmultimediagroup.com)

damaged, a surgeon may be able to repair or replace only the damaged parts. On
the other hand, if the entire joint is damaged a Total Hip Replacement (THR) or
Total Hip Arthroplasty is suggested in which the damaged parts of the joint is being
removed and replaced by an artificial prosthesis aimed for pain relief and restoration

Fig. 13.3 Anatomy of an arthritic hip joint in which the cartilage has been damaged and even
disappeared in some areas (www.medicalmultimediagroup.com)
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Fig. 13.4 Hip arthroplasty, in which the damaged parts of the joint have been removed and replaced
by an artificial prosthesis (image courtesy of Medical Multimedia Group, www. medicalmultime-
diagroup.com)

of movement. Figure 13.4 shows a hip arthroplasty, in which the damaged parts of
the joint has been removed and replaced by an artificial prosthesis.

According to American Academy of Orthopedic Surgeons (AAOS), THR opera-
tion is one of the most successful joint reconstruction surgical operations in ortho-
pedic surgery and consistently reduces or eliminates the pain in most patients. Total
joint replacement is widely regarded as the major achievement in orthopedic surgery
in the twentieth century. American Academy of Orthopedic Surgeons reported more
than 200,000 THR surgeries being performed in the United States each year.

13.2 History of Total Hip Replacement

During the past 40 years many combinations of materials and designs have been
considered and developed to achieve an ideal painless, stable and freely mobile joint
implant with a longer lifetime. The first total hip replacement was performed by
Gluck in 1890 using ivory, holding prosthesis with glue [1, 2]. Delbet in 1919, used
a rubber component, but these early attempts were unsuccessful [2]. In 1939 Smith-
Peterson described an interpositional (mould) arthroplasty, which initially was made
of glass, but he modified it over a period of time to celluloid, Pyrex, Bakelite and
finally Vitallium [2, 3]. Progress through the late 1930 and 1940 s was rapid, with
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McKee and Watson Farrer (1966) describing a metal on metal hip with stainless steel
material [2–5] and Charnley (1967) a metal femoral component and a low-friction
high molecular weight polyethylene acetabular cup [2, 6]. By 1968 the superiority of
cobalt-chrome over any other steel components was established [5]. But meanwhile,
Charnley introduced the concept of low friction arthroplasty using both cemented
femoral and acetabular components, with a plastic bearing surface and polymethyl-
methacrylate (PMMA) for fixation, and it is his prosthesis that remains the gold
standard in hip replacement even today [2, 5]. In 1968 Ring pointed out disadvan-
tages of using PMMA cements because of their poor bonding that caused loosening
of the acetabular component and its eventual failure [5, 7]. He developed cement-
less cup components with long pelvic anchoring screws. In 1976 Dipisa, Sih and
Berman [5, 8] suggested that loosening of THR might be partly caused by thermal
necrosis of bone in contact with polymerizing PMMA. They reported a method to
reduce bone cement interface temperature by pre-cooling the acetabular component,
thereby increasing setting time by about 5.5 min [5].

In metal-plastic systems, movement at the interface of bone and cement and frac-
tures of cement cause PMMA debris and accelerated wear of other components,
leading to granuloma formation, bone resorption and final bone–cement disintegra-
tion [5]. As a result, scientists have started considering ceramic implants to achieve
higher wear resistant properties. Alumina and zirconia balls are now in routine clin-
ical use in Europe [5].

13.3 Various Components and Design of THR

As mentioned in the introduction, a THR includes the two major components
of femoral and acetabular (or socket). The femoral component itself is including
femoral head, femoral neck, femoral collar and femoral stem. Each one of these
components has its own role in handling load and providing a smooth movement.
In order to handle the applied load, the femoral component need to be connected
to the adjacent bone using various fixations. Femoral fixation falls into two general
groups of fixation using polymethylmethacrylate (PMMA) bone cement (cemented)
or non-cemented categories. There are important design differences between the two
varieties. Some people advocate a third type of artificial hip that uses cement on the
ball side and non-cemented on the socket side (note that it is quite unusual to use a
cemented socket with an uncemented ball). Figure 13.5 shows various components
of a THR.

Successful joint surgery requires that the replacement joint be painless, stable
and freely mobile with an acceptable service lifetime [5]. Ideally, the new joint
must exactly match the geometry and performance of the natural hip. In any joint
replacement surgery, there are three key variables: geometry, choice of material and
operative procedure [2]. In this chapter we will focus mostly on the choice of mate-
rial. Our primary focus will be on the overview of the many current designs and
their combination with various biomaterials for hip arthroplasty.
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Fig. 13.5 Various components of a THR (figure courtesy of Depuy Orthopedic)

13.3.1 Socket or Acetabular Cup

The artificial socket is used to replace the natural acetabular cup of the hip joint and
to house the ball portion of the joint (Fig. 13.4). One of the most important factors
affecting the durability of a hip implant is the quality of the acetabular cup. The
hip joint is like a ball that fits into a socket. The socket part of the hip is called
the acetabulum. The femoral head at the top of the thigh bone (femur) rotates within
the curved surface of the acetabulum. In hip replacement surgery, the acetabular cup,
usually comprised of a metal shell with a polyethylene liner, replaces the acetabulum
(Fig. 13.4). The femoral component made up of the femoral stem and the femoral
head (or ball) replaces the natural head of the femur.

The sockets for use with cement are made of a special type of polyethylene,
which is very tough, and slippery particularly when wet. It has ridges on the outside
and a wire marker so that its position can be seen on the X-ray. The ridges are
designed to improve the fixation of the cup by the cement. It is implanted into the
natural socket by first filling the cavity with the cement and then pushing in the
artificial cup, which is held still while the cement sets.

The socket for use without cement is made of metal. It has a specially designed
porous surface on its outer side to encourage bone growth into it and to join up with
the socket much like broken bone heals. However, it is important that the artificial
socket is held firmly in place while the healing process is going on and this can take
6–12 weeks. Machining the natural socket accurately and using an artificial socket
that is precisely 1–2 mm bigger provides the initial fit. The metal socket is then
forcibly “jammed” into place and further fixation can be obtained if necessary by
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using additional screws. The next stage is to place a plastic insert within the metal
shell against which the artificial ball will form the joint.

13.3.2 The Ball

The ball portion of the artificial hip consists of a metal stem or rod on top of which
a metal ball is attached at an angle to mimic the shape of the top end of the human
thigh-bone. The component for use with cement is fairly smooth on its outer aspect
(Fig. 13.4). It is inserted into the thigh-bone after first filling the marrow cavity with
bone cement and holding it still while the cement sets.

The implant for use without cement has a specially fabricated outer surface as
in the case of the uncemented socket. The surface feels porous like a sponge and
encourages bone to grow into it. This process takes about 6–12 weeks to complete.
It is inserted after first machining the marrow cavity of the thigh-bone with special
drills and then jamming in a component that is slightly larger.

13.3.3 Stem

In general there have been three types of femoral stems used in THR. The Char-
nely stem was manufactured from stainless steel. Later on, other materials such as
titanium alloys (Ti-6Al-4 V) and CoCr alloys were used to manufacture the stem
and other parts of THR. The choice of materials will be discussed in detail in the
Sect. 13.4 of this chapter.

13.3.4 Fixation of THR

Excellent long-term results have been obtained with cemented total hip replace-
ments. Traditionally, it is believed that an uncemented prosthesis is more suitable for
the younger patient with higher bone density. Cemented hips, on the other hand, are
believed to be the preferred method of fixation in older patients who have less dense
bones. However, clinical experience has not supported this view [2]. Cemented fixa-
tion will provide an immediate stabilization of the prosthesis and allows the patient
to walk on the new prosthesis the very next day, while in uncemented hips, most
of the time, a lower weight-bearing status will be recommended for the patient for
about 4–6 weeks after surgery.

While the original THR was cemented, the uncemented hip replacement was
introduced in the 1980 s and is used mostly on the socket side of hip replacement and
frequently on the stem side. The biological fixation between the prosthesis and the
bone in cementless hips is a slow process and is achieved by press-fitting the implant
into the bone. In such a case the inner diameter of the cavity made in the bone is
1 mm less than the outer diameter of the metal implant that is being inserted into the
cavity. Another approach to encourage the biological fixation between the implant
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Fig. 13.6 Illustration of the bone-implant interface in an uncemented THR (image courtesy of
Medical Multimedia Group, www.medicalmultimediagroup.com)

and the surrounding bone is by promoting the bone in-growth into the small pores
at the implant surface, or mechanical supplemental fixation. Examples of porous
surfaces are such as screws or pegs, for example on the cup to help attach to the
bone. Figures 13.6 and 13.7 show some examples of cemented and uncemented hip
prosthesis.

Fig. 13.7 Illustration of the bone-implant interface in a cemented THR (image courtesy of Medical
Multimedia Group, www.medicalmultimediagroup.com)
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From the general and simplest viewpoint, contrasted to cemented implants, unce-
mented components can offer advantages of reduced operating time, reduced initial
trauma to endosteal bone surfaces, long term interface stability, less foreign material
(depending on implant design).

13.4 Various Materials for THR

The precise choice of implant is made by the specialist taking into account the
patient’s age, lifestyle, activity level, whether the hip replacement is being done
for the first time or is a replacement for a previously carried out artificial hip and
also the specialists own experience and training.

Only four broad material combinations have so far found favor in practical use:
a metallic femoral head in polymeric acetabular cup; a ceramic head in a poly-
meric cup; a ceramic head in a ceramic cup; and a metallic head in a metallic
cup [9]. The metals used for bearing surfaces are generally Co––Cr––Mo alloys, the
polymer Ultra-High-Molecular-Weight Polyethylene (UHMWPE), and the ceramic
high purity alumina, or in the case of ceramic on polymer joints only, in some
cases partially stabilized zirconia [9]. Modular design, where the stem and ball
are of two different materials, are very common in THR [10]. For example, hip
replacement implants featuring a titanium alloy femoral stem will have a Co––Cr
femoral head. Similarly, the UHMWPE socket of the common acetabulum replace-
ment can be implanted directly in the pelvis or be part of a modular arrangement
wherein the cup is placed into a metallic shell [10]. Table 13.1 lists some of the
femoral head to socket combinations that have been used for total hip replacement
arthroplasty. Cobalt base alloys are the most commonly used metals for current

Table 13.1 Materials combination in total hip replacement (THR) prosthesis

Femoral component Socket component Results

Co––Cr––Mo Co––Cr––Mo Early high loosening rate and limited use;
new developments show lowest wear
rate (THR only-in clinical use in
Europe)

Co––Cr––Mo UHMWPE Widely employed; low wear
Alumina/zirconia UHMWPE Very low wear rate; zirconia more impact

resistant
Alumina Alumina Minimum wear rate (components

matched); pain-not in clinical use in
the United States

Ti––6Al––4 V UHMWPE Reports of high UHMWPE wear due to
breakdown of titanium surface

Surface coated Ti––6Al––4 V UHMWPE Enhanced wear resistance to abrasion;
only thin treated layer achieved

UHMWPE, Ultrahigh molecular weight polyethylene
Source: [10, 14].
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metal-on-polymer implants [10]. It is worth mentioning that the oxide surface layers
on Ti alloy femoral heads result in excessive wear to the UHMWPE acetabular cups.

Although the metal on polymer hip prosthesis showed relatively low wear rate, it
has been shown that the polymeric wear debris produced after a few years of using
the prosthesis can cause adverse pathological reaction in the surrounding tissues,
which can be a frequent cause for osteolysis and joint loosening [9]. It has been
reported that cross linking the polymer chains can have a greater impact on low-
ering the wear rates [9, 11] compared to the application of very smooth ceramic
femoral heads instead of metal heads [9, 12, 13]. The effect of various factors such
as increasing the wear resistance of metal head by ion implantation and/or surface
treatment as well as the impact of bearing clearances on lowering the friction in joint
replacements are still open topics for scientist and biotribologists.

It has been reported [9, 15] that, under standard simulation conditions, the zirco-
nia ceramic-on-UHMWPE prosthesis showed the highest wear rates (31±4.0 mm3/
million cycles), followed by the metal-on-metal (1.23±0.5 mm3/million cycles),
with the alumina-ceramic-on-ceramic prosthesis showing significantly lower wear
rates of 0.05±0.02 mm3/million cycles. The alumina ceramic on ceramic wear rates
has been 10- to 50-fold lower than some clinical retrieval studies, and the wear stripe
observed on retrieved components was not reproduced under standard simulation
conditions. The same references have reported that the mean size of the UHMWPE
wear debris has been 300±200 nm and 30±2.25 nm for the metal particles and
9±0.5 nm for the alumina- ceramic wear particles. The UHMWPE and cobalt-
chrome wear particles were similar to those described in vivo; however, alumina-
ceramic particles up to 3 μm have been identified in tissues around ceramic-on-
ceramic prostheses [9, 15].

13.4.1 Alumina

In general, high density and high purity alumina (Al2O3 with more than 99.5%
purity) is used in load bearing hip prosthesis and dental implants because of its
combination of excellent corrosion resistance and biocompatibility, high wear resis-
tance and high strength [10, 16–18]. Superb friction and wear properties of alu-
mina occur when the grains are very small (<4 μm) and have a very narrow size
distribution [10]. The presence of large grains can lower the wear resistance of
alumina. Although some dental implants are single crystal sapphire, most alumina
devices are very fine-grained polycrystalline α-Al2O3 produced by pressing and sin-
tering at temperatures of 1,600–1,700 ◦C [10]. Small amounts of magnesia (MgO) is
being added to alumina to aid sintering and limit grain growth during sintering [10].
Tables 13.2 and 13.3 summarize the physical and mechanical properties, along with
the minimum requirements for alumina implants in accordance with ASTM (F603)
and ISO (6474).

It has been reported [10] that the wear of alumina-to-alumina articulating sur-
faces in hip prosthesis is nearly 10 times lower than the metal-on-polyethylene
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Table 13.2 Physical characteristics of Al2O3 bioceramics

High-alumina
ceramics ISO 6474

Alumina content, % <99.8 ≥99.50
Density, g/cm3 >3.93 ≥3.90
Average grain size, μm 3–6 <7
Surface roughness (Ra), μm 0.02 . . .

Vickers hardness 2,300 >2,000
Compressive strength, MPa (ksi) 4,500(653) . . .

Bending strength, MPa (ksi) (after testing in
Ringers solution)

550(80) 400(58)

Young’s modulus, GPa (psi×106) 380(55.2) . . .

Fracture toughness (KIC), MPa.
√

m (ksi.
√

in.) 5–6(4.5–5.5) . . .

Source: [10].

Table 13.3 Minimum physical characteristics of Al2O3 bioceramics in accordance with
ASTM F 603

Alumina content, % ≥99.5
Density, g/cm3 3.94
Median grain size, μm ≤4.5
Vickers hardness, GPa (106 psi) 18(2.56)
Compressive strength, GPa (ksi) 4(580)
Flexural strength, MPa (ksi) 400(58)
Elastic modulus, GPa (ksi) 380(55,100)
Weibull modulus 8

Source: [10].

surfaces. Low wear rates of alumina have led to widespread use of them in non-
cemented cups press-fitted into the acetabulum of the hip, especially in Europe [10].
In such cases, the cups are stabilized by bone growth into grooves or around pegs.
The mating femoral ball surface is also made of alumina, which is bonded to a
metallic stem. Long-term results in general are excellent, especially for younger
patients. However, stress shielding due to high elastic modulus of alumina may be
responsible for cancellous bone atrophy and loosening of acetabular cup in older
patients with senile osteoporosis or rheumatoid arthritis [10, 18]. As a result, it
is important to consider the age of the patient, nature of the disease of the joint
and biomechanics of the repair before any prosthesis is used including alumina
ceramic [10].

13.4.2 Yttria Stabilized Zirconia

High purity dense Yttria stabilized Tetragonal Zirconia Polycrystal (Y-TZP) is also
used as the articulating ball in THR prosthesis. This is a fine grain, high strength
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Table 13.4 Minimum physical characteristics of yttria-stabilized tetragonal zirconia polycrystal
bioceramics in accordance with ASTM F 1873

Zirconia content, % ≥93.2
Yttria content, % 4.5–5.4
Density, g/cm3 ≥6.0
Median grain size, μm ≤0.6
Vickers hardness 1,200 HV
Flexural strength, MPa (ksi) 800(116)
Weibull modulus 10
Elastic modulus, GPa (106 ksi) 200(29)

Source: [10].

moderate high fracture toughness material manufactured by sintering at relatively
low sintering temperatures (1,400 ◦C) with an average grain size of 0.4–0.8 μm [10].
Minimum physical properties of Y-TZP bioceramics in accordance with ASTM F
1873 are listed in Table 13.4.

13.4.3 Polyethylene

Low density, high density, and ultra high molecular weight polyethylene
(UHMWPE) are the three grades of commercially available polyethylene [19].
UHMWPE has less ductility and fracture toughness than those of other classes of
polyethylene. But they have better packing of linear chains and high cross-linking
levels which results in their increased crystallinity and mechanical properties.
The high hardness and wear resistance of UHMWPE lead to their application
in hip prosthesis. UHMWPE is used as the artificial socket in ball-and-socket
joint replacement. The UHMWPE socket experiences cyclic loadings against
the metal or ceramic ball. Hip simulator testing has shown that wear rates for
UHMWPE made against Ti––6Al––4 V are 35% greater than that of Co––Cr––Mo
alloy [10]. As a result of cyclic articulation under large force loadings against
the metal ball, the passive oxide layer on the ball will be removed from the
surface. The exposed metal may reform another protecting oxide layer or bond
to the UHMWPE counterpart. In either case, further cyclic loadings will end up
with more wear debris, which increases the surface roughness of the metal, and
results in higher UHMWPE wear rates. Ultimately, the breakdown of the oxide
layer creates the potential for abrasive wear, where the hard oxide debris acts as
third body abrasive components [10]. The body treats the submicrometer-sized
wear debris like a bacterium or virus, releasing enzymes to attack them. But the
enzymes eventually kill the adjacent bone cells (osteolysis). This process causes
bone resorption, loosening the implant, and eventually may even end up with
the need for revision surgery for total implant replacement. There is therefore
an increasing concern over the long term use of UHMWPE underscored by the
recognition of the non-uniformity of the material, reports of the possible harmful



360 A. Rabiei

effects of UHMWPE sterilization, and the interaction of UHMWPE wear debris
with the body fluids and tissues [10, 14]. Researchers are trying to find ways
to decrease the wear rate of UHMWPE by improving UHMWPE properties,
changing the ball material, and changing the processing of the replacement
components.

13.4.4 Cobalt Based Alloys

Cobalt––chromium alloys are one of the first materials that successfully combined
strength and biocompatibility for biomedical applications. Co––Cr alloys have very
good corrosion resistance but they are brittle and difficult to fabricate. Co itself is not
a particularly biocompatible material but the addition of 15–30% Cr will help the
creation of a passivating oxide film that is very stable in the body. Allergic reactions
to Co alloys in some cases have reported issues with implants. In general, metal
sensitivity in some patients can lead to the death of the tissue around the implant
and cause loosening of the implant. Toxic response or even cancerous changes in the
tissues around the implant have been reported rarely [20, 21]. It is known that skin
sensitivity to metals is rare and, as a result, the metal sensitivity is being developed
over time in some cases and is not a preexisting condition. However, the occurrence
of such allergies are less than 1% (reported for dental implants) and mainly affect
women [10]. Contact allergic reactions to Cr from dental alloys are also reported
in [22] but the occurrence of such reactions are rare [10]. While Co alloys are not
100% neutral in the body, the incidence of corrosion is very low and sensitivities
seem to be limited to a small number of patients and they work well in replacement
of bones in THR.

The four main Co alloys that are used mainly in medicine are:

• ASTM F 75, a Co––28Cr––6Mo casting alloy
• ASTM F 90, a Co––20Cr––15 W––10Ni wrought alloy
• ASTM F 799, a Co––28Cr––6Mo thermomechanically processes alloy with a

composition nearly identical to ASTM F 75 casting alloy
• ASTM F 562, a Co––35Ni––20Cr––10Mo wrought alloy

Some properties of Co alloys developed for orthopedic implants are listed in
Table 13.5.

Co––Cr––Mo alloys are mostly strengthened with carbides or nitrogen addition.
They all have very good corrosion resistance. However, wear particles from metal-
on-metal prostheses causes some potential health issues. Patients with metal-on-
metal implants generally show increased systemic levels of cobalt and chromium,
as well as higher levels of those elements in their blood and urine. This is unlike
patients whose implants are metal-on-polymer, where the wear rate of the metal
is much lower. Cobalt––chromium alloys can be cast, wrought, or fabricated using
powder metallurgy. Wrought alloys are much more ductile than cast alloys and they
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can be cold worked, or forged. The addition of carbide or nitrogen as well as addition
of small amount of alloying elements such as molybdenum, tungsten, chromium,
manganese, or silicon to Co––Cr alloy can results in increased hardness of the alloy,
thereby increasing the strength. Another approach to increase the strength of Co
alloys is to reduce their grain size.

13.4.5 Titanium Based Alloys

Titanium and its alloys are of particular interest for biomedical applications because
of their outstanding biocompatibility, low modulus of elasticity compared to other
classes of implants such as stainless steel and Co alloys, as well as their little or
not reaction with tissue surrounding the implant. Titanium alloys have the lowest
moduli of 105–125 GPa, while stainless steels have moduli near 205 GPa and the
cobalt––chromium alloys have the highest moduli of 240 GPa. Bone has a modulus
on the order of 17 GPa (between 7 and 30 GPa in general depending the age and
health condition of the person). The discrepancy between the modulus of bone and
that of the alloys used for implant to support the structural loads causes the metallic
devices implanted in the body to take a disproportionate share of the load. Conse-
quently, the actual load experienced by bone will be proportionally lower due to
the phenomenon known as “stress shielding”. This phenomenon, which leads to the
deterioration of bone quality, causes a decrease of bone thickness, bone mass loss,
osteoporosis (bone resorption) that would eventually loosen the prosthetic device. A
number of attempts have been made at decreasing the elastic modulus of Ti orthope-
dic alloys. Introduction of α-β titanium alloys with elastic modulus values approx-
imately half that of stainless steels or Co––Cr––Mo alloys and the introduction of
metastable β-titanium alloys with elastic modulus values in the range of 70 GPa are
some of those. Table 13.6 present the elastic modulus of natural and synthetic joint
materials.

Titanium alloys have very high corrosion resistance compared to that of other
materials like stainless steel and Co––Cr––Mo alloys. Their high corrosion resistance
is resulted from the formation of the stable oxide layer on the surface (spontaneous
self-passivation) that has made them particularly good for total hip arthroplasty.
Compared to stainless steel and Co––Cr––Mo alloys, the flexural rigidity and elastic
modulus of Ti––6Al––4 V are lower, and their torsional and axial stiffness are closer
to those of bone. As a result, they provide less stress shielding than either Co alloys
or stainless steel.

Ti––6Al––4 V is more than 15% softer than Co––Cr––Mo alloys. As a result, when
used in applications requiring articulation (THA), they will end up with more wear
and wear debris. Significant wear of titanium femoral heads has been observed
after articulation with ultrahigh molecular weight polyethylene (UHMWPE) both
in wear simulation and in clinical retrievals. The low wear resistance of Ti alloys is
related to the low mechanical stability of the passive surface film on them. Surface
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Table 13.6 Elastic modulus value for natural and synthetic joint materials

Elastic modulus

Joint material GPa 106 psi

Articular cartilage 0.001–0.17 0.000145–0.0247
PTFE 0.5 0.07
UHMWPE 0.5 0.07
Bone cement (PMMA) 3 0.44
Bone 10–30 1.45–4.35
TNZT alloys 55–66 7.9–9.6
“New generation” β-Ti alloys 74–85 10.7–12.3
Ti––6Al––4 V alloy 110 16
Zirconia 200 29
Stainless steel 205 30
Co––Cr––Mo alloy 230 33
Alumina 350 51

PTFE, polytetrafluoroethylene; UHMWPE, ultrahigh molecular weight
polyethylene; PMMA, polymethyl methacrylate; TNZT, titanium-niobium
zirconium-tantalum.
Source: [10, 14].

hardening through ion implantation has decreased the wear rate of titanium head
implants. Some properties of Ti alloys developed for orthopedic implants are listed
in Table 13.7.

13.4.6 Coatings

Coatings or ion implantation [24–27] are usually used to improve the surface prop-
erties and biocompatibility of implants as well as decreasing metallic wear and cor-
rosion. Porous metal and ceramic coatings deposited on implants facilitate implant
fixation and bone ingrowth [10, 24, 28, 29]. One simple method to allow tissue
ingrowth into the implant is to modify its surface by implanting spherical beads
[30] or wire mesh [24]. Coated implants are seen to exhibit superior hardness and
wear resistance. Polymeric coating formulations are used to enhance biocompatibil-
ity and biostability, thromboresistance, antimicrobial action, dielectric strength and
lubricity [10].

On the other hand, coating of hydroxyapatite (HA), Ca10(PO4)6(OH)2, onto a
bioinert metallic implant surface is an effective method of using this bioactive cal-
cium phosphate compound in the human body [10, 28]. This will cause a direct
bonding and fast stabilization of implant because of HA’s similarity with the inor-
ganic components of human bone [29–31]. Some biological advantages of HA coat-
ings are enhancement of bone formation, accelerated bonding between the implant
surface and surrounding tissues, and the reduction of potentially harmful metallic
ion release. However, particulate debris at the bone prostheses interface with HA
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coated implants has been found to cause a foreign body response that is destructive
to the surrounding tissues [32]. Dissolution rate of the implant must also be com-
patible with the rate of bone growth or otherwise the coating is not effective. The
dissolution rate of crystalline HA has been observed to be very low, while that of
the amorphous phase HA is considerably higher [32].

Various techniques have been used to deposit calcium phosphate on metal sub-
strates such as sputtering, electron beam deposition, laser deposition, and plasma
spraying [33–45]. So far, plasma spraying is the only technique being commercial-
ized and most widely used because of its simplicity and cost effectiveness. Regard-
less of the processing technique, amorphous HA generally has a high dissolution
rate in aqueous solutions. Therefore, the HA coatings need to be subsequently heat-
treated in order to convert the ′as deposited′ amorphous phase into a crystalline
phase [33–46]. However, the heat treatment increases the processing time and cost
and can even cause residual stresses in the HA coating due to a thermal expansion
mismatch between the coated layer and the metal substrate. These residual stresses
may even lead to the cracking of the coating and eventual reduction in its bond
strength [33–45].

Another type of coating for orthopedic implants is porous coatings, in which a
porous layer of the base metal is coated onto the surface of the implant to increase
the mechanical bonding between the implant and surrounding bone. This will hap-
pen by providing the empty spaces in porous coating into which bone can grow
and mineralize, locking the device into place, which is called biological fixation.
This type of coating has been discussed in Sect. 13.3.4 of this chapter in more
detail.

In a new attempt, hydroxyapatite coatings with graded crystallinity were pro-
duced using ion beam assisted deposition with an in situ annealing process. This
technique can minimize the processing time and cost as the deposition and anneal-
ing is performed at the same time. The graded crystallinity HA coatings deposited
using this technique have reported higher nano-hardness and Young’s modulus val-
ues as well as better bonding strength to the substrate [47–50] compared to HA
coatings prepared by plasma spraying, sintering or even sputter deposition followed
by post deposition annealing. It is anticipated that the functionally graded HA coat-
ings can improve the implant-tissue bonding strength as well as provide fast relief
for the patient who is receiving the orthopedic/dental implants by providing a higher
dissolution rate associated with less crystallinity of the film at the top surface of the
coating and lowering the dissolution rates through the thickness of the film towards
the interface with the substrate.

13.5 Design Variation of THR

Design variation for THR prosthesis include the modular approach, straight stem,
curved stem, platforms and no-platforms, holes and no-holes in the femoral stem
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and so on [10]. The surgeon will choose the type of THR design for the patient
based on his or her age, body condition, activity level and budget.

Artificial hip joint can easily last for 20–25 years. Although this period is rea-
sonably long enough for many elderly patients, it is not long enough for younger
recipients with a more active life style. In such cases hip replacement may end up
with loosening or even failure that eventually requires revision surgery. The main
conditions that cause the need for revision surgery are either related to osteolysis
or in some cases infection. Osteolysis is a biological reaction to the debris from the
bearing surfaces of implant as they rub against each other during daily life activities.
Infection of the prosthesis occurs in only a very small portion of patients [51–53],
but this dreaded complication results in major immobility due to pain, immobility,
failure and loss of prosthesis, reoperation, and in some cases loss of limb or life
[54]. The Osteolysis problems on the other hand, may not cause loss of life, but are
still a major concern because of time, money and most importantly immobility asso-
ciated with the revision surgery and its recovery period. It is notable that failure of
prosthesis stems is a secondary event that follows stem loosening. Other factors that
can promote stem loosening include bone resorption, degradation of bone cement,
and unfavorable positioning of the prosthesis.

Improved joint prosthesis depends on progress in more reliable materials and
design based on in-depth understanding of the important phenomena contributing
to deep infection and loosening of joint implants [5]. For example, nowadays, due
to systematic and/or local antibiotic treatment and other preventive measures, the
incidence of deep hip prosthetic infections in Scandinavia appears to be less than
1% [5]. However, long term aseptic loosening of joint prosthesis is a quantitatively
increasing problem [5]. Aseptic loosening linked with osteolysis caused by the wear
debris of UHMWPE is the primary cause of failure of THR and accounts for almost
three-quarters of all revision operations [55]. These motivated scientists to look for
materials and designs with higher wear resistant in order to minimize osteolysis as
well as antibiotic-loaded implants to lower the possibility of infection and eventually
to minimize the need for revision surgery.
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Chapter 14
Burn Dressing Biomaterials and Tissue
Engineering

Lauren E. Flynn and Kimberly A. Woodhouse

14.1 Introduction

The skin is the largest organ of the body, ranging in size from 1.5 to 2.0 m2 in adults
[1]. This highly-organized composite structure fulfils a wide variety of functions
critical to the maintenance of homeostasis [2]. Burns, caused by thermal, chemi-
cal, or electrical injuries, can result in severe and irreparable damage to the skin,
leading to wound contracture, scar tissue formation, and a loss of functionality. In
the United States, between 60,000 and 80,000 patients are hospitalized annually for
the treatment of serious burns [3, 4]. The average cost of patient care, reconstruc-
tion, and rehabilitation is extremely high, especially in severe or extensive cases [5].
Improvements in resuscitation techniques now facilitate the survival of patients with
major burns extending over more than 90% of their bodies [6].

Conventional treatment strategies for wound closure rely on the use of autografts.
Weaknesses of the autologous approach include the need for additional surgery, the
creation of donor site defects, technical difficulty, expense, and higher patient risk
[7, 8]. Allogenic materials have also been implemented, but are only suitable for
temporary wound coverage, as they are associated with immune rejection and a
failure to integrate into the host tissues [9]. Consequently, there is great need for the
development of an economical tissue-engineered skin substitute. To date, numerous
burn dressing biomaterials and engineered constructs have been investigated, but
have failed to match the wound healing properties of grafted autologous tissues [7,
10–12]. With continued research, it may be possible to design a device that could
promote the complete regeneration of skin, with rapid wound closure, functional
recovery, and excellent cosmetic results.

14.2 Physiology of the Skin

In order to develop a successful tissue-engineering strategy to promote regeneration
following burn injury, it is critical to have a comprehensive understanding of the
structure and function of normal skin.

R. Narayan (ed.), Biomedical Materials,
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14.2.1 Basic Organization and Cellular Composition

The skin, or integument, is composed of multiple tissue and cell types arranged to
form a complex, multifunctional organ (Fig. 14.1). The integumentary system is
multilayered and can be divided into three interconnected regions: the epidermis,
the dermis, and the hypodermis [2]. Located within these layers are the accessory
structures or appendages, including glands, hair follicles, and nails, that are critical
to the proper functioning of the skin [13]. The basal lamina located between the
epidermal and dermal layers also plays a critical role in the maintenance of skin
structure and function [14]. The primary cell types found within the skin include
keratinocytes, melanocytes, Merkel cells, Langerhans cells, and fibroblasts [15].

14.2.1.1 Keratinocytes

Keratinocytes are the stratified squamous epithelial cells that are the primary cellu-
lar component of the epidermis, comprising 90–95% of all cells within this region
[2]. These cells function as a protective barrier and also play an important role in
skin immune function, secreting numerous cytokines that mediate inflammatory and
immune responses, including interleukins and interferons [16].

The keratinocyte phenotype changes as the cells progress outwards from the
basal layer towards the skin surface. This alteration corresponds to a change in

Fig. 14.1 Structure of the integumentary system. (Figure reprinted with permission from Marieb
EN. Human Anatomy and Physiology. Copyright by Pearson Education Incorporated)
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the state of differentiation of the keratinocytes from proliferative to cornified cells
[17]. The structural changes in the cells can be correlated with variations in the
expression of keratins, the main structural proteins produced by the keratinocytes
[18]. These alpha-helical proteins can be classified as either acidic (type I) or basic
(type II). During assembly, heterodimers, each composed of one acidic and one
basic keratin, are arranged to form cytoskeletal intermediate filaments [19]. The
keratinocytes in the basal layer express keratins 5 (acidic) and 14 (basic), whereas
the more-differentiated cells in the outer layers express keratins 1 (acidic) and 10
(basic) [20, 21].

14.2.1.2 Melanocytes

Melanocytes are pigment-producing cells that are typically found in the basal
epidermal layer in an approximate ratio of 1 melanocyte to every 10 basal ker-
atinocytes [15]. In general, these cells do not divide and their survival is depen-
dent on growth factors secreted by the keratinocytes, such as melanocyte stimulat-
ing hormone (MSH), basic fibroblast growth factor (bFGF), and endothelin-1 [22,
23]. Melanocytes have many cytoplasmic processes, termed dendrites, which facil-
itate the delivery of the pigment melanin to the epidermal keratinocytes [24]. A
single melanocyte will supply melanin to approximately 35 keratinocytes through
the transfer of unique organelles termed melanosomes, which produce and store the
pigment within the cells [25]. The specific mechanism of this transfer is currently
unclear, but may involve keratinocyte-melanocyte membrane fusion, or melanosome
exocytosis followed by keratinocyte coated-pit endocytosis or phagocytosis [26].
The two main types of melanin are eumelanin, which is brown to black in color, and
pheomelanin, which is yellow to red in color [25, 27]. Skin color is dependent on
both melanosome size and density within the keratinocytes and can be affected by
factors such as ultraviolet light and MSH [28].

14.2.1.3 Merkel Cells

Merkel cells are specialized neuroendocrine cells that are found in the epidermis
and dermis in varying site-specific densities. The highest concentrations of these
cells are in the outer root sheaths of the hair follicles and in the epidermal ridges
of the deep epidermis [29]. In some regions of the skin, these cells are arranged
into units termed tactile discs or touch receptors. Upon compression, Merkel cells
can function as mechanoreceptors, secreting neuropeptides that stimulate the der-
mal nerve endings [2]. The cells can be identified microscopically by their char-
acteristic cell-surface microvilli and dense-core cytoplasmic granules that contain
various neuropeptides [30]. Epidermal Merkel cells have been shown to produce
nerve growth factor (NGF), which can bind to NGF receptors expressed on dermal
Merkel cells [31]. These dermal cells often form synaptic contacts with the axon
terminals present in the dermis. Merkel cells can also be connected to keratinocytes
via desmosomal junctions and may play a stimulatory role in the proliferation and
differentiation of these cells [2].
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14.2.1.4 Langerhans Cells

Langerhans cells are antigen-presenting dendritic cells that function in the immune
response to pathogens and cancerous cells within the skin [32]. These cells are pri-
marily found in the non-basal region of the epidermis, but can also be found within
the dermis. Overall, the Langerhans cell population is relatively small, representing
1–5% of the total number of epidermal cells. Antigens diffusing through the epi-
dermis are likely to contact one of the many dendrites of the Langerhans cells [15,
33]. Endogenous antigens, such as those related to epidermal cancer, are also rec-
ognized [34]. The Langerhans cells engulf the antigens via phagocytosis and then
migrate across the basal lamina and underlying dermis into the regional lymph node
[35]. Following intracellular processing, the antigens are presented at the cell sur-
face bound to major histocompatibility complex (MHC) class II molecules. Interac-
tion of the T-cells in the lymph node with the MHC/antigen complexes, combined
with the release of stimulatory cytokines by the Langerhans cells, results in T-cell
activation [32, 36, 37]. Langerhans cells are also involved in the initiation of T-
cell-dependent B-cell immune responses and secondary T-cell responses [33]. For
wound healing treatment strategies, it is important to note that these cells have been
shown to play a role in the rejection of grafted allogenic and xenogenic skin [38].

14.2.1.5 Fibroblasts

Fibroblasts are the main cellular component of the dermis and are responsible for
the production and secretion of numerous extracellular matrix (ECM) molecules
found in the skin, such as collagen, elastin, fibronectin, decorin, tenascin, laminin,
and various proteoglycans [39]. To allow for turnover of the ECM, these cells also
secrete matrix metalloproteinases (MMPs) [40].

14.2.2 The Epidermis

The epidermis, the outermost region of the skin, provides many of the barrier prop-
erties of the organ. This avascular, multi-layered epithelium has very sparse ECM
and is composed primarily of cells. The thickness of the epidermis is site-specific,
with thicker layers found in the regions of the body that experience greater fric-
tional forces, such as on the palms of the hands and the soles of the feet. The
deeper layers of the epidermis are arranged into the epidermal ridges that increase
the contact area between the epidermis and the dermis [2, 15, 24]. To support the
continual regeneration of the epidermis, the keratinocytes differentiate in a process
termed keratinization or cornification [17]. The progressive stages of differentia-
tion can be observed in the epidermal layers: the stratum germinativum, stratum
spinosum, stratum granulosum, stratum lucidum and stratum corneum (Fig. 14.2).
In humans, it takes approximately 14 days for a cell leaving the innermost epider-
mal layer, the stratum germinativum, to reach the outer stratum corneum. These
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Fig. 14.2 A diagrammatic and histological view of the epidermal layers. (A) The stratum corneum.
(B) The stratum granulosum. (C) The stratum spinosum. (D) The stratum germinativum. (E) The
underlying dermis. The integrin junctions between the basal keratinocytes and the underlying basal
lamina can be seen in the diagram on the left. (Diagram on left adapted with permission from Janes
et al. [43]. Copyright 2002 by John Wiley and Sons Limited. Histological image on right reprinted
from www.lab.anhb.uwa.edu.au with the permission of Dr. L. Slomianka)

cells then typically reside in the stratum corneum for an additional 14 days before
they are shed from the body [15].

14.2.2.1 Stratum Germinativum

The stratum germinativum, also referred to as the stratum basale, is the innermost
epidermal layer, composed of a monolayer of cells that are firmly attached via
hemidesmosomal junctions to the basal lamina that separates the epidermis from
the dermis [2, 14]. This cell layer primarily consists of morphologically-identical,
columnar basal keratinocytes, interspersed with melanocytes and Merkel cells. The
basal keratinocytes can be classified as one of three types based on their prolifer-
ative capacity: stem cells, transient-amplifying cells, or post-mitotic differentiating
cells [41]. Approximately 10% of the cells that reside in the basal cell layer are stem
cells, which are slow-cycling cells with the potential for continual cell division [42,
43]. When a stem cell divides, one daughter cell remains a stem cell in the basal
layer, while the other daughter is destined to differentiate. The cells that will dif-
ferentiate, termed transient-amplifying cells, will divide a limited number of times
before differentiating and moving up in the epidermal layers. The post-mitotic dif-
ferentiating cells account for 5–10% of the basal keratinocyte cell population and
can be identified based on the expression of early differentiation markers, such as
keratin 10 and involucrin [44, 45].

14.2.2.2 Stratum Spinosum

Adjacent to the stratum germinativum, the stratum spinosum consists of 8–10
rows of polyhedral keratinocytes that have begun to differentiate. Melanocytes and
Langerhans cells can also be found interspersed throughout this layer [15]. The ker-
atinocytes in this stratum are interconnected by desmosomal junctions, which are
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supported intracellularly by bundles of cytoskeletal proteins termed tonofibrils [46].
This network structure gives the cells a characteristic “spiky” appearance follow-
ing histological processing. The phenotype of the spinosum keratinocytes varies
depending on their position within the layer. As the cells progress outwards, they
lose their polygonal structure and develop a larger and flatter shape [2]. All of the
keratinocytes still contain cellular organelles, including melanosomes secreted by
the melanocytes [27]. In the upper layers of the stratum spinosum, lamellar granules
can be observed within the keratinocytes. These granules contain proteins, such as
keratohyalin, and other components that are involved in the final stages of kera-
tinization [17]. Within this layer, the differentiating cells begin to synthesize keratin
types 1 and 10. It is interesting to note that during wound healing the expression of
these two proteins is downregulated in favor of keratin types 6 and 16 [47].

14.2.2.3 Stratum Granulosum

The 2–3 rows of flattened, nucleated cells in the stratum granulosum can be identi-
fied by the uniform presence of basophilic keratohyalin (lamellar) granules [2]. As
previously mentioned, the proteins included in these granules function in the forma-
tion of the outer cornified cell layer. Keratohyalin has been shown to form an intra-
cellular matrix that envelops and strengthens the cytoskeletal keratin filaments [48].
This keratin network is further reinforced by keratin aggregation and inter-filament
disulfide bond formation, promoted by the protein filaggrin, whose precursor pro-
filaggrin is found within the granules [2, 49]. Two other granular proteins, involu-
crin and loricrin, are involved in the formation of the cornified cellular envelope
[50, 51]. The abrupt change from granulocytic phenotype to that of a terminally-
differentiated corneocyte, is mediated within the outer layer of the stratum granu-
losum. These cells produce apoptotic enzymes that facilitate the destruction of the
nucleus and all cellular organelles [52].

14.2.2.4 Stratum Lucidum

The stratum lucidum, found primarily in the thick skin of the palms and soles, con-
sists of several layers of dead, clear, flattened keratinocytes that are enriched in
keratin [24].

14.2.2.5 Stratum Corneum

The outermost layer of the epidermis, the stratum corneum, is composed of multiple
rows of dead, terminally-differentiated keratinocytes that are continually sloughed
off and replaced. These cells are responsible for the majority of the barrier properties
of the epidermis and, consequently, the skin. The thickness of the corneal layer
varies from 15 to hundreds of layers, depending on the site within the body [2, 15].
Variations in thickness can also be correlated to differences in sex, age, and disease
state [24, 53]. In general, the corneocytes are large, flattened, polyhedral cells that
are interconnected via desmosomal junctions at overlapping boundaries. Over 80%



14 Burn Dressing Biomaterials and Tissue Engineering 377

of the cell content is composed of high-molecular mass keratins [17]. As in the other
epidermal layers, changes in cell phenotype and function can be observed across the
layer. The outer cell layer has flatter cells, which have more rigid, cornified cellular
envelopes [51]. These exterior cells also secrete proteolytic enzymes that degrade
the desmosomal junctions to allow for desquamation. Due to the presence of residual
interconnections, corneal cells are typically shed in large groups [54].

14.2.3 The Dermis

The dermis is rich in ECM components that impart strength, elasticity, density and
compliance to the skin. Within this region, a vast network of fibrillar and amorphous
connective tissue supports the dermal cellular components, vascular and neural net-
works, and the appendage structures [55, 56]. Interactions between the dermis and
the epidermis via the basal laminar region are critical to maintaining the proper phe-
notype and functioning of both regions [14, 57, 58]. In order to satisfy the metabolic
needs of both the dermis and the avascular epidermis, the dermis is highly vascu-
larized. The intricate networks of dermal blood vessels also function in the home-
ostatic regulation of the body temperature [59]. Neural networks of sensory and
autonomic fibers present in the dermis function in the control and communication
systems of the skin [60]. Lymphatic channels facilitate the controlled removal of
water and other molecules from the region, and play an important immunogenic
role [61]. Although the dermis contains fewer cells than the epidermis, fibroblasts,
smooth muscle cells, pericytes, monocytes, macrophages, dermal dendrocytes, and
mast cells can be found within this region [2].

As previously mentioned, dermal connective tissue is composed of both fibrous
and non-fibrous components, which are continually undergoing turnover. Collagen
is the most abundant protein in the dermis, accounting for approximately 75% of the
dry weight of skin [2, 62]. The most common types of collagen found in skin are
types I, III, and V, which can be classified as fibrillar collagens. More specifically,
approximately 80–90% of the collagen in the dermis is of type I, whereas 8–12% is
of type III. Collagen type V functions to regulate fiber diameter through interactions
with types I and III. Fibril-associated collagen type VI is also found throughout the
dermis, associated with type I collagen [63–65]. This network of collagen fibers
imparts tensile strength to the skin. Elastic fibers, including elastin, form a network
that extends throughout the dermis, spanning from the basal laminar region into the
hypodermis. These fibers impart elasticity to the skin, allowing it to return to its
original structure after experiencing distending forces [62, 66].

The non-fibrous connective tissue components of the dermis include proteogly-
cans (PGs), glycosaminoglycans (GAGs) and glycoproteins. These matrix compo-
nents form the gel-like ground substance that surrounds the fibrous networks. PGs
and GAGs found in the skin include biglycan, decorin, versican, perlecan, syndecan,
heparan sulfate, and chondroitin-6 sulfate [2, 67–69]. Hyaluronan is also expressed
in the embryonic dermis and during wound healing [70]. The ability of the PGs and
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GAGs to bind water molecules contributes to the regulation of water loss, as well
as to the maintenance of the dermal volume and compressive properties [71, 72].
These molecules also function to bind cytokines and mediate cellular attachment
to other matrix components [73]. Glycoproteins, including fibronectin, laminin, vit-
ronectin and tenascin, function in dermal cell-matrix and matrix-matrix interactions
[2]. Overall, based in part on connective tissue structure, the dermis can be subdi-
vided into two regions, the papillary dermis and the reticular dermis.

14.2.3.1 Papillary Dermis

The papillary dermis is the more superficial dermal region that is composed of small
bundles of loose connective tissue, including collagen fibrils and immature elastic
fibers [65]. This region is named for the papillae or projections of the dermis into the
epidermal ridges. The matrix in this region, which hosts the majority of the dermal
cells, is composed primarily of type III collagen [15]. The subpapillary plexus of
arterioles and post-capillary venules serves as the lower separation boundary with
the reticular dermis. The capillaries that supply the epidermis and upper dermal
layers extend from this plexus into the papillary dermis [59]. Sensory and autonomic
axons, as well as receptors, can also be found in this region [60].

14.2.3.2 Reticular Dermis

The lower and larger portion of the dermis, termed the reticular dermis, is com-
posed of an interconnected collagen network, intertwined with a mature system of
elastic fibers [55, 65, 66]. This region, which is connected to the papillary region
by extended fibrous bundles, imparts the dermis with strength and resilience. Blood
vessels, appendages, and dermal cells are interspersed throughout this connective
tissue meshwork. The collagen bundles and elastic fibers increase in size in the
deeper reticular layers approaching the hypodermis, which is distinguished from
the dermis by the appearance of adipose tissue [2, 24].

14.2.4 The Dermal-Epidermal Junction Zone

The dermal-epidermal junction (DEJ) zone is characterized by a specialized basal
lamina that is critical to the maintenance of proper skin structure and function [14].
This dynamic layer of interconnected proteins is approximately 100 nm thick and
has been shown to have a critical role in skin remodeling, wound healing, and
embryonic development. While the DEJ structurally separates the dermis from the
epidermis, the proteins found within the basal laminar layer also mediate the attach-
ment and interactions of these two regions [74]. For skin tissue engineering pur-
poses, it is important to note that the DEJ zone maintains the overall structural
integrity of the skin. Disorders affecting this region result in weak skin that is highly
prone to shearing or tearing when exposed to applied forces [58]. The basal lam-
ina also has critical functions in regulating keratinocyte cell polarity, proliferation,
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differentiation, and migration. Further, this matrix also influences the barrier prop-
erties of the skin and can restrict the movement of molecules based on size and
charge [14].

Three different types of anchoring complexes stabilize and strengthen the
DEJ zone: hemidesmosomes, anchoring filaments, and anchoring fibers. Using
microscopy techniques, these structures can be observed in four distinct regions
within the DEJ [75]. The first identifiable region consists of the hemidesmosomes
in the plasma membranes of the basal keratinocytes. These cell-matrix attachment
structures are supported intracellularly by bundles of intermediate keratin filaments
[17]. The next two regions, the lamina lucida and the lamina densa, contain the
anchoring filaments primarily comprised of linkages between hemidesmosomal
integrin α6β4 and DEJ laminin type 5 [76–78]. The anchoring filaments firmly attach
the basal cells to the underlying matrix, including the rich network of collagen IV
fibers found in the lamina densa. The DEJ region adjacent to the dermis, termed the
sublamina densa, contains collagen type VII anchoring fibrils [79]. These special-
ized complexes, originating in the lamina densa, firmly attach the DEJ to the dermis
by either extending into anchoring plaques in the dermis or looping back into the
densa region. The fibrils that form loops are interconnected with dermal collagen
type I fibers, further stabilizing the structure [57, 58]. Overall, the DEJ maintains
the integrity of the skin and regulates the dermal-epidermal interactions.

14.2.5 The Hypodermis

The hypodermis, also referred to as the subcutaneous layer, is located directly below
the dermis. The primary component of this region is adipose tissue [2, 24]. Although
a distinct border exists between the dermis and the hypodermis, the two regions
are structurally and functionally interconnected through the rich vascular, neural,
and lymphatic networks that supply the regions [59–61]. In addition, many of the
appendage structures, including hair follicles and sweat glands, extend into the sub-
cutaneous region [2]. The primary functions of the hypodermis include energy stor-
age and release, insulation, mechanical protection, and the maintenance of body
contours [80].

14.2.6 The Appendages

The epidermal appendages, including sweat glands, sebaceous glands, hair follicles
and nails, arise from protrusions of the epidermis into the dermis [24, 81]. Conse-
quently, these structures are lined with epithelial cells, which through growth and
differentiation, are involved in the process of re-epithelialization following epider-
mal injury [82]. Moreover, the appendages have critical roles in the maintenance of
homeostasis.
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14.2.6.1 Sweat Glands

Sweat glands can be classified as either eccrine or apocrine, based on their structure
and function. Eccrine sweat glands are composed of three parts: the coiled gland,
the intradermal duct, and the intraepidermal portion. The coiled gland, located deep
within the dermis, is lined with secretory cells that produce eccrine sweat. This
sweat is delivered to the epidermal surface via the intradermal duct that extends
through the dermal region, connecting to the intraepidermal portion, and ultimately
terminating as an open pore [83]. These glands primarily function in the regulation
of body temperature, through cooling by sweat evaporation, but are also involved
in the elimination of wastes. In general, eccrine sweat glands are found over the
majority of the skin surface and are most concentrated on the palms of the hands
and the soles of the feet [84]. Although similar in structure to eccrine glands, apoc-
rine glands have coiled regions that are approximately 10 times larger in diameter
and intradermal ducts that terminate into the uppermost region of a hair follicle.
Although the exact function of apocrine sweat glands remains unclear, it is believed
that they function as scent glands related to sexual attraction. More specifically,
these glands, which begin functioning during puberty, secrete small amounts of vis-
cous sweat that becomes odorous when exposed to bacteria on the outer epider-
mis. Apocrine glands are most concentrated in the axillae and anogenital regions
[24, 85].

14.2.6.2 Sebaceous Glands

Sebaceous glands are oil-producing glands that are found throughout the skin sur-
face in varying sizes and densities, with the exception of the palms of the hands
and the soles of the feet. In general, these glands are connected to hair follicles
to form pilosebaceous units. A sebaceous gland consists of one or more branched
lobules (acini) connected to a hair follicle by a short duct [13, 86]. The glands pro-
duce sebum, a substance composed of fats, cholesterol, proteins, and inorganic salts.
Sebum protects the skin and hair, preventing these structures from becoming dry and
brittle. This oily substance also aids in the prevention of excessive water loss due to
evaporation from the skin surface [87].

14.2.6.3 Hair Follicles

While primarily vestigial in humans, the principal function of hair is to provide pro-
tection from injury and environmental conditions. Hair, consisting of a free shaft
and a root structure, is supported in the skin by the hair follicle. Follicles extend at
oblique angles into the deep dermis or hypodermis. The outermost layer of the fol-
licle, the external root sheath, is composed of epithelium that is continuous with the
epidermis. The inner root sheath surrounds the hair root, extending from the base
of the follicle, termed the bulb, to the skin surface [88]. Progenitors in a region of
the bulb referred to as the matrix, proliferate to form the hair shaft in alternating
periods of growth (anagen) and rest (telogen). Also located at the base of the bulb
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is the dermal papilla, an indentation of loose connective tissue, rich in vasculature,
which supports the hair growth. Above the bulb, the follicular wall thickens to form
the bulge, which contains stem cells believed to function in follicular regeneration
and the replenishment of the matrix progenitors [43, 89, 90]. Smooth muscle bun-
dles originating in the dermis, termed the arrector pilori, attach to the follicle at the
bulge region and function in pilo erection [88]. The duct of the sebaceous gland
associated with the follicle opens up into the channel above this region, closer to the
epidermis [86].

14.2.6.4 Nails

Nails are modified keratin-rich epidermal cells that protect and support the tips of the
fingers and toes. While primarily serving esthetic purposes in humans, deterioration
in the condition of nails can often be indicative of more general health problems
[24]. Nails are composed of a nail root, a nail plate, and a free edge. Growth of
nails occurs from the matrix, which primarily underlies the nail root. Proliferating
epidermal cells in the matrix are pressed tightly together into layers to create a plate
that is slowly forced outwards, thereby forming the nail [91, 92].

14.2.7 Functions of the Skin

The skin, with its unique structure, performs a multitude of functions critical to the
maintenance of total body homeostasis [2, 15]. Some of the key functions of this
vital organ are detailed in Table 14.1.

Table 14.1 The functions of the skin

Function Details

Thermoregulation Controlled by the regulated dilation of the dermal blood
vessels and the secretion of sweat

Protection From a multitude of factors including:
Mechanical shocks
Thermal shocks
UV irradiation
Chemicals
Water loss
Ionic loss
Infection

Metabolic organ Vitamin D production
Disposal of water, carbon dioxide, and toxins
Glandular secretions from sweat and sebaceous

glands
Sensation and communication Touch, pain, heat and cold
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14.3 Development of the Integumentary System

In order to design a successful strategy for skin regeneration following burn injury, it
is important to have an understanding of the events that occur during the embryolog-
ical development of the integumentary system. Epidermal development commences
during the third week of gestation, shortly following the completion of germ layer
formation by gastrulation. The single ectodermal layer surrounding the embryo is
subdivided into the epidermal ectoderm, the neural ectoderm and the neural crest,
through a process termed neurulation [93]. Underlying the epidermal ectoderm is
the loose mesenchymal tissue that will ultimately develop into the mature dermis
[94]. It is important to note that the basal lamina of the DEJ, which is fully devel-
oped by the ninth week of gestation, plays a critical role in skin morphogenesis [14].

14.3.1 The Epidermis

The development of the epidermal layers commences during the 4th week, with the
proliferation of the epidermal ectoderm to form a secondary layer of flattened cells,
termed the periderm. Signaling with the underlying dermis is critical to the forma-
tion of the epidermal layers during all morphogenic phases. By the 11th week of
gestation, an intermediate epidermal layer can be observed between the germinative
cells in the basal layer and the peridermal cells. During this period, the epidermal
ridges also begin to form. As the basal cells continue to proliferate and differentiate,
the appearance of the mature epidermal barrier commences around the 20th week of
development. After this point, many of the peridermal cells undergo apoptosis and
become detached from the fetal epidermis [94–96].

Unlike the keratinocytes, which arise directly from the superficial ectoderm,
many of the other cells found in the epidermis migrate in from other regions [95].
Melanoblasts, precursors of the melanocytes, are derived from the embryonic neu-
ral crest and first migrate into the developing dermis during the 6th week. Mature
melanocytes can be first detected in the epidermal region during the 10th week of
gestation [25, 95]. The origin of Merkel cells is also believed to be the migrating
neural crest cell population [2]. Langerhans cells, which differentiate from precur-
sors in the bone marrow, migrate into the epidermis and first appear around the
seventh week of development [60].

14.3.2 The Dermis

In general, the dermis is derived from the mesodermal cells underlying the epider-
mal ectoderm [95]. During the early stages of development, the neo-dermis is com-
posed primarily of interconnected cells surrounded by a loose matrix of hyaluronan
and glycogen [97]. Differentiation of the mesenchymal progenitors into mature
fibroblasts commences during the third month of gestation. As the newly-formed
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fibroblasts synthesize ECM components, the dermal matrix becomes more fibrillar.
Vascularization of the dermis also begins during this time period [24, 94–96].

14.3.3 The Appendages

The appendages develop from regions of the epidermis that proliferate and extend
into the dermis to form columns of epithelial cells surrounded by mesenchymal
tissue. It is believed that both autocrine and paracrine signaling with the under-
lying mesoderm are critical in the formation of these ectodermally-derived pro-
jections, which first start to appear during the fourth month of gestation [24, 81,
95]. Ultimately, the development of each of the different types of appendages may
be attributed to variations in the secretion and timing of inductive factors, which
affect the proliferation, differentiation, and organization of the epithelial columns.
Some factors believed to be important in follicular development include transform-
ing growth factor-β (TGF-β), sonic hedgehog (SHH) protein, noggin, and members
of the bone morphogenic protein (BMP) family [95].

14.4 Burns

14.4.1 Burn Classification

Burns are traumatic events that can severely disrupt the proper structure and func-
tioning of the skin. Burns can be classified as either first degree, partial thickness,
or full thickness based on the extent of the damage to the integumentary system
(Fig. 14.3). Table 14.2 lists the general characteristics of each of these types of
burns [98–100].

Fig. 14.3 The classification of partial and full thickness burns based on the extent of the damage
to the integumentary system. “C” represents the necrotic tissues in the zone of coagulation and
“∗” represents the regional edema in the tissues underlying the burn injury. (Figure adapted with
permission from www.burnsurgery.org)
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Table 14.2 The classification of burns

Burn classification Characteristics

First degree Loss of the epidermal layer
Red, dry appearance
No blistering
Painful
Will heal spontaneously

Partial thickness Loss of the epidermal layer
Partial loss of the dermal layer
Red or pink appearance
Blistering present
Surface may be wet or waxy
Painful
Can be classified as either superficial or deep based on the

degree of dermal damage
Superficial dermal:
Damage only to the papillary dermis
Will heal spontaneously from the surrounding epidermis and

the epithelial cells lining the appendage structures in the
dermis

Deep dermal:
Damage extending into the reticular dermis
Large amounts of necrotic dermal tissue (eschar)
Healing impaired due to deep dermal damage
Should be treated as full thickness burns

Full thickness Loss of the epidermal layer
Loss of the dermal layer
Damage to the hypodermis that may extend to involve the

underlying structures including muscle, tendon and bone
White or charred appearance
Not painful due to neural destruction
Eschar widely present
Granulation and contraction of the wound to form scar tissue

14.4.2 Principles of Burn Wound Healing

Normal wound healing is characterized by three stages of healing: the inflamma-
tory phase, the proliferative phase, and the remodeling phase [101]. One of the pri-
mary events in the inflammatory phase is the accumulation of platelets at the site of
injury, leading to blood coagulation and clot formation, which provides a prelimi-
nary matrix for cellular infiltration. Inflammatory cytokines secreted by these aggre-
gating cells regulate the regional blood flow and have a multitude of stimulatory
effects, including the promotion of leukocyte invasion and angiogenesis. The sec-
ond phase of wound healing, the proliferative phase, generally commences within
24 h. Rapid re-epithelialization to achieve wound closure is facilitated through the
migration of epidermal cells from the wound edges and from the residual appendage
structures in the injured region (Fig. 14.4) [101–103]. This process is stimulated by
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Fig. 14.4 The proliferative phase of the wound healing process in skin. A preliminary fibrin
matrix for cell migration is formed during the blood coagulation and clotting processes follow-
ing the initial injury. Invading inflammatory cells secrete growth factors that promote angiogenesis
and dermal fibroblasts deposit extracellular matrix components, forming granulation tissue. Re-
epithelialization occurs through the migration of epidermal cells from the wound edges and from
the residual epidermal appendage structures, such as hair follicles. (Figure reprinted with permis-
sion from Martin [103]. Copyright 1997 by the American Association for the Advancement of
Science)

growth factors, including TGF-β and epidermal growth factor (EGF). Angiogenesis
also occurs and is promoted by the secretion of FGF by the macrophages that are
localized in the wound site [101, 104, 105]. A loose ECM network, deposited by
the fibroblasts that have invaded from the surrounding tissues, encompasses the
newly-formed blood vessels. This provisional matrix, termed granulation tissue,
provides a substrate for cell migration, facilitating cellular repopulation and wound
closure. The final stage of wound healing, the remodeling phase, requires months to
complete. In the initial period, the fibroblasts assume a myofibroblastic phenotype
and, stimulated by TGF-β and other factors, cause the contraction of the wound,
expediting closure [101, 104]. Ultimately, the dermal ECM is modified with newly-
synthesized matrix components, resulting in scar tissue formation [101–103].
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Severe burn wounds can be classified into three regions of varying tissue injury:
the zone of coagulation, the zone of stasis, and the zone of hyperemia [100, 106].
The zone of coagulation is characterized by the complete dissolution of all levels of
protein structure. Further, cell death within this region, which extends downwards
from the original site of injury, is uniform and irreversible. Clinically, the zone of
coagulation presents as the burn eschar [107]. Adjacent to the zone of coagulation is
the zone of stasis, a region in which there is a progressive deterioration in the local
blood flow. Although the majority of the cells within this zone are initially alive,
many die due to ischemia. Numerous factors combine to cause the impaired blood
flow, including clotting events, burn edema, vasoconstriction, and heat damage to
the cells and proteins [100]. Without intervention, the tissues in this region will die,
thereby expanding the zone of coagulation [69]. The zone of hyperemia is located
at the periphery of the injury, adjacent to the unaffected body tissues. Within this
region, there is minimal damage to the protein structures and cells. In general, com-
plete healing of these tissues is possible. Due to local inflammatory responses and
the release of numerous vasoactive molecules, increased vascular flow rates and the
dilation of the local vessels characterize this zone [7, 100].

In the case of burn injuries, the process of wound healing can be dramatically
modified or impaired. Skin damage can be extensive, with the complete destruction
of all of the skin layers over a large surface area of the body. First degree or super-
ficial partial thickness burns will generally heal normally, with re-epithelialization
occurring from the wound edges and from the undamaged appendage structures.
In contrast, in deep partial thickness or full thickness burns, the appendages are
destroyed and re-epithelialization can only occur from the wound periphery. The
process of cell migration can be further delayed if the burn injury cauterizes the
local blood vessels, inhibiting the initial cascade of events during the inflamma-
tory healing phase that creates a temporary fibrin matrix for cellular invasion [82].
Hence, as the coverage process may require an extremely long time frame and the
dermal regenerative potential is limited, severe wound contraction and scarring are
frequent outcomes. Hypertrophic scarring and impaired functionality are very com-
mon in burn patients. In some cases, keloid scars, which extend beyond the original
boundaries of the injury, can be observed. In general, contracted and scarred tis-
sues can be painful, as well as having poor functionality and cosmesis [108–110].
Complications associated with burn wound edema can also impact the wound heal-
ing process. Increased vessel permeability and the action of numerous inflamma-
tory cytokines, such as prostaglandins, can lead to severe swelling that impairs the
regional blood flow, particularly in the zone of stasis, thereby causing ischemic cell
death [111, 112].

14.4.3 Immune System Response to Burn Injury

Suppression of the immune system has long been recognized as a major contribut-
ing factor to the high mortality rates that are associated with burn injuries. Patients
with severe burns are extremely susceptible to infections that can result in death due
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to septic shock or multiple organ failure [113, 114]. Clinical and research findings
indicate that the impaired immune response is related to the suppression of both the
cellular and humoral systems. More specifically, burn patients have been reported
to have reduced lymphocyte populations, including decreased numbers of T-cells,
B-cells, and natural killer cells [115–117]. In general, following burn injury, there is
a failure in the T-cell response related to both diminished cell number and cell func-
tionality [118]. Dysfunctions in the neutrophil cell population and the complement
system further compound the immunosuppressed condition [119].

Numerous factors appear to contribute to the impairment of the immune system
in burn patients. While the precise mechanisms of action are not fully understood,
the systemic inflammatory response (SIR) associated with burn injury is hypoth-
esized to play a role in the development of the immune dysfunction [111, 120].
Research continues to be conducted in order to elucidate all of the elements that
are produced in this response, including cytokines and toxic by-products such as
endotoxin, tumor necrosis factors (TNF) and leukotrienes, which could be immuno-
suppressive in nature [121]. One compound of interest, cutaneous burn toxin (CBT),
is suspected to play a major role in the inhibition of granulocyte production, thereby
accounting for the reduced lymphocyte populations. CBT is composed of polymers
of lipids and proteins that are formed from the damaged tissues at the burn injury
site [120]. Proper debridement of the wound can help to reduce the impact of this
toxin. It is also important to note that the presence of necrotic tissue, impaired blood
flow and nutritional deficiency can all have an impact on general health and immune
function [122].

14.4.4 Complications

While the skin is the focus of this chapter, the systemic effects of burn injuries
must also be recognized. As previously mentioned, infection and SIR are critical
problems in burn patients, frequently resulting in major organ failure and death.
Following injury, the release of a multitude of inflammatory cytokines and toxic
by-products can severely impair all of the organ systems, including the cardiac sys-
tem, renal system, and digestive system [123]. Complications can also arise from
abnormally low blood pressures due to hypovolemia, attributed to a loss of blood
from the damaged vessels surrounding the wound site [112]. Another major cause
of mortality is the severe respiratory damage and distress associated with inhalation
injuries in burn patients [124].

14.5 Conventional Treatment of Burns

14.5.1 Treatment of Minor Burns

As previously mentioned, first degree and superficial partial thickness burns will
spontaneously heal within a short time period, ranging from 7 to 21 days [82, 98].
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Basic first aid treatment of the wound will help to expedite the healing process
and prevent infection. The injured site should be gently and thoroughly cleaned
with lukewarm water and mild soap. Cool, moist compresses can be applied to
reduce pain and swelling. While it is the subject of some controversy, it is gen-
erally accepted that the blisters of superficial burns should be left intact, to reduce
the chances of bacterial infection and minimize discomfort. Spontaneous resorption
of the blisters should commence within a week. With the exception of injuries to the
face, a clean, absorbent, non-adherent dressing, such as lint-free gauze, should be
applied to cover the wound. This dressing should be changed daily or as required.
The application of topical antibiotics or other agents is generally not recommended,
as they can impede the wound healing process and have other negative side effects
[125]. Burn wounds to the face are typically left uncovered, although a thin layer
of topical antibiotic can be applied for prophylactic purposes and to prevent against
discomfort due to tissue dryness [106]. To control the pain that is frequently associ-
ated with superficial burns, oral analgesics may be indicated [126].

14.5.2 Primary Treatment of Severe Burns

Following stabilization, patients with deep dermal and full thickness burns should
be sent to the hospital for immediate assessment and care. The maintenance of air-
way, breathing, and circulation is of primary importance to patient survival. During
transport, the burn wound should be covered with clean towels, which can easily be
removed for examination purposes. The patient should be kept warm and treated for
shock [127]. Intravenous (IV) infusion should be commenced as early as possible to
maintain the circulating volume and reduce the risk of damage to the cardiac, renal,
and other major organ systems [128]. Upon arrival at the hospital, a team of burn
care specialists will assess the severity of the burn, examining the depth of the injury
and estimating the percentage of the total body surface area (TBSA) affected [129].
Morphine, delivered via IV, is often prescribed for pain management purposes [126].

Immediate burn wound treatment is required to aid in healing and reduce the risk
of patient mortality. The wound site should be washed with warm saline solution
and debrided to remove dead epithelial tissue and foreign contaminants. In general,
as the seepage of blister fluid can provide an ideal medium for bacterial growth, blis-
ters are evacuated and trimmed. This process also improves joint mobility and aids
in the visual assessment of the burn [106]. In cases of circumferential burns, such as
around the neck, torso or limbs, a decompression escharotomy may be required to
relieve the tension in the tissues. More specifically, as burn edema progresses, the
inelastic eschar at the surface does not expand well, causing increased pressures that
can result in ischemic conditions, impaired respiration, or tissue rupture. These situ-
ations can be prevented by the escharotomy, which involves a strategic, longitudinal
incision along the length of the affected tissues [130]. Following debridement, top-
ical antimicrobial agents, such as silver sulfadiazine, may be applied to the surface
of the wound to slow or reduce the occurrence of bacterial infection [131]. As the
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blood supply to the burn wound is often severely impaired, the use of systemic
antibiotics may be therapeutically ineffective [132]. In conservative approaches to
burn treatment, an occlusive dressing or other wound covering, discussed later in
the chapter, is then placed over the affected tissues prior to further treatment, such
as autografting, if required.

Through advances in burn research, it is now accepted that the early surgical
removal of the burned tissues is of benefit to the patient, in terms of pain manage-
ment, immunocompetence, and wound healing. Excision of the necrotic tissues has
been shown to reduce the total time of hospitalization, the chances of infection,
the amount of surgical intervention required, and the instances of patient mortal-
ity. Improved functionality and cosmesis following wound healing have also been
reported [8]. By limiting the systemic exposure to the inflammatory cytokines and
toxic byproducts found in the necrotic tissues, it is possible to minimize immuno-
suppression and reduce the risk of major organ failure [122]. In general, the proce-
dure involves the excision of all of the necrotic tissues, followed by the immediate
application of either an autograft or a temporary wound covering. The operation is
performed by tangential excision using a specialized dermatome. The necrotic tis-
sue is removed in layers until only viable tissue remains, detected when bleeding is
observed [8, 133]. Full thickness burns can be excised to either the hypodermis or
the muscle fascia. While autograft acceptance is more limited on the subcutaneous
adipose tissues, when successful, a superior esthetic result is achieved with this more
conservative approach [8]. Overall, the major restriction to the surgical excision of
burn wounds is the potential for severe blood loss, which limits the amount of tissue
that can be removed at one time [9].

14.5.3 Autografting: The Current Gold Standard

The use of autologous grafted skin represents the gold standard treatment for deep
dermal and full thickness burns. To date, this strategy is the only method available
to achieve complete and permanent wound closure in extensive or deep burns [1, 8,
104]. Partial thickness grafts, ranging in thickness from 0.2 to 0.5 mm, are harvested
from healthy donor sites using a dermatome [9]. Ideally, the mechanical properties,
dimensions and pigmentation of the skin in the donor and recipient regions are simi-
lar. As only a small portion of the dermis is extracted, the donor site defect will heal
spontaneously without scar tissue formation in 2–3 weeks [107]. The autografted
tissue is surgically attached to a freshly excised, uncontaminated wound site. As it
is extremely thin, the graft can survive the initial ischemic period prior to vascular-
ization via diffusion of nutrients and waste. Following the surgery, the bond between
the grafted skin and the wound bed is extremely weak and must be protected from
disruption due to shearing, edema, or hematoma. As healing progresses, the graft
fully integrates into the wound site, inhibiting contraction and restoring function-
ality. In most cases, graft acceptance is high and scar tissue formation and con-
traction are reduced, achieving an acceptable esthetic result [8]. However, the deep
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dermal hair follicles, sweat and sebaceous glands do not regenerate in the trans-
planted tissue. Reinnervation and limited restoration of skin sensation is possible
[11]. Disadvantages of the use of autologous tissues include the creation of a donor
site defect, patient risk, susceptibility to infection, and the need for multiple surgical
procedures [8].

The development of new methods of permanent wound closure is mandated for
the treatment of patients with severe burns involving a large surface area of the
body. During a single surgical procedure, sufficient autologous tissue can often be
harvested to treat burns ranging from 30% to 50% TBSA. In more extensive burns,
the use of autografting is limited by a lack of donor tissue [4]. Treatment in these
cases may be facilitated by a modification to the autografting technique involving
the use of a tissue mesher [134]. Small linear incisions are made in the harvested
tissue to allow for the expansion of the graft. In practice, the meshed skin can be
expanded 1.5–9 times its original size. When expanded more than three times, it
is common to cover the site initially with a meshed allograft to improve healing
and provide protection during re-epithelialization [9]. While meshing allows for
improved drainage and greater coverage, this skin is more prone to infection and
has esthetic limitations. Due to contraction and scar tissue formation, the meshing
pattern on the skin surface is permanent. Further, tissue availability is still limited
using this technique. As medical knowledge and technology continue to improve,
an increased number of patients are surviving from extremely large surface area
burns (>90% TBSA). In these cases, autograft availability is minimal and gener-
ally insufficient. Following the completion of healing, it is possible to re-harvest the
donor and previously-grafted sites. This process can be repeated a limited number
of times, and increases patient pain and susceptibility to infection, as well as treat-
ment time and expense [8, 9]. Temporary wound coverage materials must be utilized
during the interim healing period. Ultimately, alternative means to autografting
may be required to achieve complete wound closure and severe scarring may be
inevitable [135].

14.5.4 Biological Alternatives for Temporary Wound Coverage

As previously discussed, due to the limitations in the availability of autologous tis-
sues, substitute materials to provide temporary wound coverage following early
excision are required. Conventional biological approaches to achieve this goal
involve the use of allografts and xenografts. However, in order to achieve perma-
nent wound closure and healing without severe scarring and contracture, these nat-
ural materials must ultimately be replaced with autologous tissues [12].

14.5.4.1 Allografts

To date, allogenic strategies have focused on the use of cadaveric skin and amnion.
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Cadaver Skin

Despite numerous limitations, allogenic cadaver skin remains the most successful
and commonly used substitute for temporary wound coverage in severely burned
patients [7]. Allogenic skin aids in the restoration of the barrier properties, thereby
protecting against excessive water and electrolyte loss, infection and pain. More-
over, allografts have been shown to initially reduce any existing bacterial contamina-
tion, stimulate re-epithelialization from the periphery, improve the ultimate esthetic
appearance of the patient, and increase autograft acceptance [136]. However, in spite
of the immunosuppressive nature of burn injuries, graft rejection within 1–3 weeks
is inevitable. During this process, the wound site can become severely inflamed and
prone to infection [137]. There are also concerns associated with the transmission
of viruses, cost, and tissue availability [9]. The tissues can be utilized while fresh,
preserved in glycerol at 4 ◦C, lyophilized, or cryopreserved. Fresh tissues have been
shown to more strongly stimulate angiogenesis, have superior adherence properties,
and provide greater protection against bacterial invasion. However, glycerol preser-
vation is relatively economical, decreases the tissue antigenicity, and facilitates the
establishment of tissue banking [138, 139].

Amnion

The use of fresh human amniotic membranes has been reported for decades and
remains popular in regions of the world where the use of cadaveric skin is limited
due to expense and availability [140]. Human amnion has low antigenicity and is
reported to readily adhere to the wound site, reducing patient pain, accelerating the
wound healing process, and repressing bacterial growth. In addition, amnion has
been shown to stimulate angiogenesis, ultimately improving autograft acceptance
[141]. Despite these positive attributes, the use of amnion is limited by the fragile
nature of the tissues. Within several days of application, the amnion becomes frag-
mented and dissolves, necessitating almost daily replacement. Hence, the quantities
of tissue required for large TBSA burns would be exceedingly high. Further, an
occlusive dressing is required to prevent desiccation of the membranes and main-
tain the skin barrier properties [7, 142]. However, human amnion may be of use
to expedite wound healing in superficial partial thickness burns, autologous donor
sites, or highly-meshed autologous tissues [143].

14.5.4.2 Xenografts

The primary motivation for the use of xenogenic tissue is the limited supply and
high costs associated with allogenic cadaver skin [9]. Frozen porcine grafts are most
commonly investigated due to the similarity of the tissues with human skin [144].
Despite the potential for unlimited availability, numerous concerns restrict the use of
xenografts in burn wound treatment. The primary problems are associated with the
antigenic nature of the tissues. All grafts are rejected within a 14-day period [145].
There are also serious safety and sterility issues related to animal to human viral
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transmission [146]. Furthermore, xenografts have been shown to be less adherent
than allografts and are associated with higher rates of infection and necrosis [136].

14.6 Burn Dressing Biomaterials and Tissue Engineering

Through the creation of unique biological substitutes, tissue engineering holds great
promise for the development of novel treatment strategies for numerous diseases,
disorders, and traumas. Unlike conventional therapies, through tissue engineering
investigators seek to restore or regenerate the affected regions of the body, with the
ultimate goal of creating functioning, healthy tissues that are fully integrated into
the host system [147, 148].

To date, significant research has been conducted into the fields of burn dressing
biomaterials and tissue engineering. In general, the two design strategies for skin
substitutes are to create materials for either temporary wound coverage or perma-
nent wound closure [10]. Wound coverage materials have been widely studied in
both the research and clinical settings due to their greater simplicity in design. The
principle behind these materials is to create an interim barrier until sufficient autol-
ogous tissues are available for grafting. Wound coverage materials have been shown
to alleviate patient pain, reduce the likelihood of infection, and promote wound heal-
ing [135, 149]. In contrast, the objective of wound closure strategies is to design a
material that will become incorporated into the wound site, promoting healing and
restoring skin functionality without tissue autografting [135]. Such a material would
be of great benefit to patients with limited autograft availability, and could also elim-
inate the creation of donor site defects and the need for multiple surgical procedures.

14.6.1 Design Criteria

There are numerous criteria for the development of a successful skin substitute. Ide-
ally, the construct should minimize patient pain and promote wound healing without
scar tissue formation or contracture. The complete structural and functional restora-
tion of the integumentary system and all of its components are long-term objectives.
Some specific design considerations include adherence, barrier properties, mechan-
ical properties, biodegradability and immune response, surgical handleability, and
expense [107, 150–152].

14.6.1.1 Adherence

To reduce the occurrence of infection and minimize fluid accumulation at the tissue
interface, it is extremely important for the skin substitute to readily adhere to the
wound site [153]. The rapid and uniform attachment of the construct to the wound
bed attenuates patient pain and creates a hypoxic environment that stimulates wound
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healing. Hydrophilic materials that adhere to the wound site without inflicting dam-
age on the underlying tissues are of particular interest [107].

14.6.1.2 Barrier Properties

Wound coverage or closure materials should restore the barrier functions of the
integumentary system. The construct should protect the fragile tissues at the wound
site, inhibit bacterial infection, and prevent desiccation [136]. The flux of water
across the material must be controlled, to prevent excessive water and electrolyte
loss, while also limiting fluid accumulation at the wound site [154]. Protein loss
should also be restricted and normal rates of heat conduction should be observed
across the barrier [136].

14.6.1.3 Mechanical Properties

Ideally the substitute should have mechanical properties similar to those of healthy
human skin. The use of components that are too rigid could cause damage to the
surrounding tissues, resulting in inflammation and subsequent device failure [155,
156]. Skin equivalents must be pliable, flexible, elastic, and durable. It is important
to have a strong material, resistant to applied forces, which will conform and adhere
to the wound site [7]. The material porosity is also an important design consider-
ation. As previously mentioned, the construct must provide the barrier properties
of the skin, including the controlled flux of water. However, a porous material is
desirable to enable cellular infiltration and repopulation of the wound site from the
surrounding tissues. To facilitate cell migration, a minimum pore size of 10 μm is
required and the material must be cell adhesive [107].

14.6.1.4 Biodegradability and Immune Response

The skin substitute should be both non-toxic and non-antigenic in nature, evoking
a minimal immune response [157]. Moreover, the device should stimulate wound
healing and host cell invasion from the periphery. As healing progresses, the con-
trolled degradation and replacement of the construct with healthy host skin would
be ideal [152]. This regeneration would eliminate the long-term problems associated
with the restriction of growth at the wound site, a severe concern for burned chil-
dren, allowing the healed regions to expand normally with the individual [135]. The
products of the degradation process must also be compatible with the host system.

14.6.1.5 Surgical Handleability

To be a clinically viable alternative, the skin equivalent must be able to be steril-
ized, cut into a variety of shapes and sutured into position with relative ease by the
surgeons in the operating room [107].
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14.6.1.6 Expense

An ideal skin substitute should be relatively inexpensive and widely available for
use [152]. The materials should not be limited and the fabrication process should be
straightforward and reproducible. The construct should have long-term stability so
that it can be preserved and stored for an extended time period [157].

14.6.2 Skin Substitutes

A wide variety of skin substitutes have been investigated in the laboratory and clin-
ical settings to promote regeneration, rather than repair, following burn injury. The
constructs can be classified as epidermal substitutes, dermal substitutes, or compos-
ite materials that include an epidermal and a dermal component [1].

In each of the strategies, both synthetic and natural materials have been studied.
Synthetic materials can be selected that are readily available, uniform, sterilizable,
biodegradable, and cost-effective. Moreover, modulating synthesis conditions can
often control the physical and chemical properties of these materials [158–160].
Natural constructs have been shown to promote cell infiltration and host integra-
tion, reduce scar tissue formation, and, depending on processing, trigger minimal
immune response. Scaffolds derived from the ECM can degrade within the body
and promote matrix remodeling, thereby augmenting the regeneration of damaged
or missing tissues [161, 162].

The incorporation of allogenic cells is a design feature in many skin substitutes.
Cultured allogenic keratinocytes and fibroblasts derived from neonatal foreskins ini-
tiate a minimal immune response in the immunosuppressed burn patients [104].
Unlike the Langerhans cells present in the allografted tissues, these cells do not
express MHC class II antigens. As a result, the production of allogenic T-cells
is not stimulated via this means, although the secretion of cytokines by the cells,
such as α-interferon, can cause a more limited reaction [10]. Overall, due to the
immunological properties of the cultured keratinocytes and fibroblasts, these cells
can be included in the constructs with low concern for major immune response or
sensitization.

14.6.2.1 Epidermal Substitutes

Various epidermal substitutes are available that can be used for temporary wound
coverage, restoring the barrier properties of the skin. When applied to superficial
partial thickness burns or autologous donor sites, these constructs can often expe-
dite the wound healing process [135]. In deep dermal or full thickness burns, it is
generally recognized that the reconstruction of the underlying dermis is required
prior to the replacement of the epidermis, in order to achieve acceptable functional
and cosmetic results [1].
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Occlusive and Semi-Occlusive Dressings

Many different occlusive and semi-occlusive dressings have been developed and
marketed for the temporary wound coverage of superficial burns and donor sites.
Although a wide variety of materials have been investigated, all of these constructs
have a similar function. Occlusive dressings create a moist, hypoxic environment
at the burn site. This has been shown to reduce patient pain and promote wound
healing [163–165]. Ideally, these constructs should restore some of the barrier prop-
erties of the skin, regulating the flux of water and preventing against infection [166].
However, many of the substitutes are associated with high rates of bacterial prolifer-
ation in the moist wound bed, resulting in deep dermal damage and tissue necrosis.
Further, the accumulation of fluids below the occlusive dressings can injure the sur-
rounding tissues and lead to device separation. Other concerns are related to poor
adherence and the inability to observe the wound site during the healing process
[167–169]. Table 14.3 outlines some of the specific advantages and disadvantages
of some common occlusive and semi-occlusive dressings.

Cultured Autologous Keratinocytes

Techniques have been developed to facilitate the expansion of autologous ker-
atinocytes from small biopsy samples. Keratinocyte sheets can be grown in vitro
on feeder cell populations of irradiated murine 3T3 fibroblasts, supplemented with
growth factors [189]. This process is expensive, labor intensive, and time consum-
ing. The 3–5 weeks required to produce 1.8 m2 of confluent keratinocytes from a
2 cm2 biopsy sample limits the clinical applicability of this strategy [10]. Gen-
zyme Corporation specializes in the growth of autologous keratinocytes, marketed
under the trade name EpicelTM [190]. Using the enzyme dispase, the undifferen-
tiated monolayer of cells can be removed as a sheet from the tissue culture dish.
This separation process can impair the subsequent proliferation of the keratinocytes
[191]. The fragile sheet can be transplanted onto the wound bed, but is suscepti-
ble to damage and desiccation. Acceptance of the autologous cells is dependent
on the condition of the wound bed, with a partially intact dermal layer required to
avoid complete sloughing. If the grafting is successful, the resulting epidermis is
unstable and has limited barrier properties [1]. Within 6 days of transplantation, the
cells begin to differentiate into the normal epidermal layers. However, the absence
of the DEJ can lead to blister formation and separation. With extended time, the
basal lamina characteristic of the DEJ can begin to form [10]. The skin grown from
these cultured cells will be incomplete, lacking a full cellular complement and all
appendage structures [132].

Cultured Allogenic Keratinocytes

Allogenic keratinocytes have been investigated as a possible means of avoiding the
culturing time delay associated with the use of autologous cells [10]. As previously
discussed, the immunologic nature of the allogenic keratinocytes limits the concerns
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associated with host immune response [104]. The sheets could be pre-grown, cry-
opreserved, and stored at the hospital for immediate use. Similar to the autologous
sheets, the acceptance of the allogenic cells is dependent on the state of the wound
bed. Further, there are also limitations associated with the fragility of the sheets and
the lack of a DEJ [1, 10]. Clinically, improved healing has been shown in superfi-
cial burns and donor sites, attributed to the cellular secretion of various stimulatory
cytokines and growth factors [192]. With time, host cells can replace the donor ker-
atinocytes in the grafted region [193].

LaserskinTM

LaserskinTM is an epidermal substitute developed by Fidia Advanced Biopolymers
that is composed of hyaluronan and autologous keratinocytes [194]. Hyaluronan has
been shown to promote cellular migration, proliferation, and the formation of new
blood vessels [195]. The cells are seeded in a series of small pores that are laser
drilled in the hyaluronan gel (Fig. 14.5a). This device has the advantage of being
able to be removed from the culture dish without the need for enzymatic diges-
tion [10]. An intact dermal layer may be required to achieve acceptable functional
and cosmetic results. Initial clinical investigations in patients with diabetic ulcers,
show that the construct is durable and well-accepted, with low rates of infection
[161, 196].

Fig. 14.5 Examples of tissue-engineered skin substitutes. a. The epidermal substitute LaserskinTM,
developed by Fidia Advanced Biopolymers, is composed of autogolous keratinocytes seeded in
pores drilled by a laser into a hyaluronan gel. (Figure reprinted with permission from Fidia
Advanced Biopolymers s.r.l.) b. The IntegraTM composite skin substitute composed of gluteralde-
hyde cross-linked bovine collagen type I and chondroitin 6-sulfate, covered with silicone. (Non-
copyrighted source: U.S. Food and Drug Administration)
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14.6.2.2 Dermal Substitutes

The creation of a dermal substitute for the treatment of deep dermal and full thick-
ness burns is mandated by the numerous limitations associated with the use of autol-
ogous tissues. Epidermal substitutes are contraindicated in severely burned patients
due to the problems associated with skin fragility, blistering, and poor graft inte-
gration [132]. In humans, damaged dermal tissue can result in severe scar tissue
formation and contracture if left untreated [104]. An engineered dermal substitute
has the potential to be used in combination with cultured keratinocytes or extremely
thin autografts to reconstruct the injured skin [1, 135].

DermagraftTM

DermagraftTM is a dermal substitute, developed by Advanced Tissue Sciences Incor-
porated and now distributed by Advanced BioHealing Inc., which is composed of
viable neonatal allogenic fibroblasts seeded onto a polyglactin (Vicryl) scaffold.
The cells, which are expanded in vitro to confluence, secrete numerous growth fac-
tors and ECM components into the mesh [197]. A sufficient number of fibroblasts
can be extracted from one foreskin to seed over 20,000 m2 of the construct [198].
Following fibroblastic cultural expansion, the device can be cryopreserved without
severely impairing the cellular viability. Trials indicate that the construct promotes
wound healing, angiogenesis, and re-epithelialization from the wound periphery
[199]. In one specific study, it was well-tolerated as an implant, with no signs of
immunological rejection observed in 400 chronic wound patients [198]. The poly-
meric scaffold will degrade by hydrolysis as regeneration progresses, although the
rate of degradation may cause complications. As the device does not include an epi-
dermal component, wound closure is not facilitated. However, the construct can be
used to improve functionality and cosmesis in combination with meshed autografts
[200, 201]. While the potential exists to seed the dermal substitute with cultured
autologous keratinocytes, preliminary trials suggested that cell adhesion may be a
problem, with a mean acceptance rate of only 51.2% [202].

AllodermTM

AllodermTM is a dermal substitute developed by LifeCell that is composed of acel-
lularized human cadaveric skin [203]. Extraction of all cellular components while
preserving the dermal matrix structure, including the basal lamina of the DEJ, elim-
inates the immunological complications associated with the use of allogenic skin,
but promotes proper tissue organization during regeneration [1, 204]. Studies have
indicated that AllodermTM readily adheres to the wound bed, promoting the invasion
of cells and blood vessels, and fully integrating with the host system. As it has very
limited barrier properties, the scaffold must be grafted with an ultra-thin autograft
when it is implanted. Overall, the construct has been reported to reduce scarring
and improve skin elasticity and cosmesis [205]. Due to the limited availability of
allogenic tissues, acellularized xenogenic skin has also been investigated [161].
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14.6.2.3 Composite Substitutes

Composite skin substitutes hold great potential for the treatment of patients with
severe burns. With further research, these constructs may be able to replace all of
the skin layers, eliminating the need for tissue autografting. One important design
note is that it is imperative to reconstruct the basal lamina of the DEJ zone in order
to create a strong and well-integrated material [10].

IntegraTM

Integra Life Science Corporation markets the most generally accepted composite
skin substitute, originally described by Yannas and Burke (Fig. 14.5b) [206, 207].
This device has a dermal component of gluteraldehyde cross-linked bovine collagen
type I and chondroitin 6-sulfate, covered with a silicone artificial epidermis [208].
When implanted, the collagen and GAG matrix, with an average pore size of 50 μm,
encourages cellular invasion and fibrovascular regeneration to form a normally-
organized neodermis within 3–6 weeks [10, 107]. The original scaffold gradually
degrades over a 30-day period [161]. The silicone membrane has good surgical han-
dleability and regulates the flux of water at the normal regional rates observed in
the skin [1]. When implanted, the average acceptance rate (AAR) is generally over
80%, lower than the 95% AAR for autografts, but comparable to that observed ini-
tially in allografts. Moreover, the substitute is well-tolerated by the immune system
[135]. Within 3–4 weeks, the silastic layer can be removed and an ultrathin (less than
0.1 mm) autograft can be placed directly on the developing dermis, with an AAR of
90% [202]. The creation of smaller donor site defects expedites and improves heal-
ing. Clinical results show that the use of IntegraTM promotes wound healing, reduces
contracture, and prevents hypertrophic scar formation. Superior cosmetic results are
reported to the use of autografting alone, along with good joint functionality and
the ability to grow in children [209]. The major disadvantages of the construct are
the need for a second surgical procedure, the potential for infection, and expense
[10]. In 1996, IntegraTM was approved for the treatment of deep dermal and full
thickness thermal burns by the FDA [152]. Boyce and Hansbrough have reported a
modification to this construct, where the collagen and GAG matrix is seeded with
fibroblasts and the silicon layer is replaced by cultured keratinocytes. Experimental
results show that the keratinocytes fully differentiate and a complete DEJ forms in
vivo [210, 211].

ApligrafTM

ApligrafTM, formerly known as GraftskinTM, is manufactured by Organogenesis
Incorporated. To prepare the construct, a gel of bovine collagen type I is seeded with
allogenic fibroblasts [10]. Following 6 days in culture, allogenic keratinocytes are
then applied and grown at the air-media interface for approximately 14 days. This
process results in epidermal differentiation, including the formation of an imma-
ture stratum corneum that improves the barrier properties of the device [104]. The
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construct, which is FDA approved for the treatment of chronic wounds, has been
shown to have good clinical results, including no signs of immunological rejection
and the in vivo formation of an intact DEJ [212]. In experimental studies, when used
to temporarily cover meshed autograft, ApligrafTM improves wound healing, pig-
mentation, and reduces scar tissue formation [213]. However, this expensive product
is time-consuming to manufacture and has a limited shelf life [104].

BiobraneTM

BiobraneTM, marketed by Smith and Nephew Inc., is composed of a nylon mesh
that is coated in porcine collagen type I and attached to a thin silicone membrane
(Fig. 14.6). This non-degradable device is recommended to expedite healing in
superficial partial thickness burns and at autologous donor sites [10, 107, 214]. The
outer silastic layer regulates the flux of water and prevents against bacterial contam-
ination. As healing progresses, the device slowly separates from the skin surface
[10]. It is imperative that the wound site be freshly excised and free of infection
prior to the placement of the construct [215]. When used appropriately, the healing
period can be reduced by up to 46% [10].

TranscyteTM

TranscyteTM, formerly known as Dermagraft Transitional CoveringTM, is mar-
keted by Smith and Nephew Inc. The device has the same basic construction as
BiobraneTM, but is seeded with neonatal fibroblasts. During a 17-day culturing
period, the fibroblasts synthesize and secrete various growth factors and ECM com-
ponents that accumulate in the mesh. The construct is then frozen and stored, killing

Fig. 14.6 The application of a BiobraneTM graft to a debrided wound bed following a par-
tial thickness burn injury to promote wound healing. (Figure adapted with permission from
www.burnsurgery.org)
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the cells, but preserving the secreted factors [10]. While this material is extremely
expensive, preliminary studies indicate that it has good adhesion, promotes healing
and can remain intact for up to 6 weeks [216, 217].

14.6.3 Growth Factor Incorporation

The incorporation of cytokines or growth factors into the skin substitutes could pro-
mote regeneration and expedite healing [218–220]. As many interacting mediators
are involved in the wound healing process (Table 14.4), research must be conducted
in order to determine the optimal combination and concentrations of these factors.
Additionally, it is necessary to develop a method for the sustained delivery of the
factors to the wound site for the desired period. Localized application may reduce
the likelihood of negative side-effects associated with systemic exposure. Bind-
ing the mediators to the constructs is a potential design strategy [221]. However,
researchers must show that bound stimulatory molecules remain bioactive, but do
not over-stimulate the cells, triggering cancerous growth.

14.6.4 Epidermal Stem Cells

As previously discussed, epidermal stem cells are found in the basal epidermal layer
and the bulge region of the hair follicle. These undifferentiated cells proliferate
rapidly, are capable of differentiation, and have a high capacity for self-renewal
[41–43]. The development of practical methods to isolate and culture these cells
holds great promise for tissue engineering applications. Using the stem cells, it may
be possible to grow autologous epidermal tissue for transplantation in a clinically-
acceptable time frame [45]. Potential epidermal stem cell markers include β1 inte-
grin and keratin 19 [43].

14.7 Future Outlook

While significant progress has been made in the development of burn dressing
biomaterials and tissue-engineered constructs, the complete regeneration of fully-
functional skin following burn injuries is currently unfeasible. Despite the disadvan-
tages associated with autografting, the use of harvested host tissues remains the best
treatment method for permanent wound closure in deep dermal and full thickness
burns [1, 8, 104]. Continued research must be conducted to design new constructs
or to improve the existing biomaterials in order to promote regeneration rather than
repair in severe burns. A more thorough understanding of the events in integumen-
tary organogenesis and wound healing could aid in this process. Further, constructs
which more closely mimic the natural complexity of the skin should also be studied.
The inclusion of appendage structures in the skin substitutes could greatly improve
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Table 14.4 Some of the observed effects of various cytokines and growth factors during wound
healing in the integumentary system

Observed effect

EGF [222–225] Expedites wound healing following burn injury
Promotes re-epithelialization
Stimulates keratinocyte proliferation and migration
Stimulates dermal fibroblast proliferation
Promotes collagen synthesis
Stimulates dermal regeneration

bFGF [226–229] Expedites wound healing
Strongly promotes angiogenesis
Stimulates keratinocyte proliferation
Stimulates dermal fibroblast proliferation
Increases the formation of granulation tissue
Increases the tensile strength of the healed wound

Acidic FGF (aFGF)
[221]

Less potent than bFGF
Stimulates fibroblast proliferation
May inhibit wound contraction

Platelet-derived growth
factor (PDGF) [230]

Strongly promotes angiogenesis
Chemotactic factor for dermal fibroblasts
Promotes collagen synthesis and reorganization
Increases the formation of granulation tissue

TGF-β [220, 229, 231,
232]

Promotes hypertrophic and keloid scar tissue formation
Stimulates wound contraction
Promotes re-epithelialization
Stimulates keratinocyte proliferation, migration and

differentiation
Promotes collagen and GAG synthesis
Greatly increases the formation of granulation tissue
Increases the tensile strength of the healed wound
Functions in T-cell suppression

Keratinocyte growth
factor (KGF) [220,
230, 233]

Expedites wound healing
Promotes re-epithelialization
Stimulates keratinocyte proliferation, migration, and

differentiation
Protects keratinocytes from oxygen radicals
Stimulates the expression of VEGF
Stimulates the expression of activins, (activins promote

keratinocyte proliferation and matrix deposition)
Interleukin-1 (IL-1)

[221]
Expedites wound healing
Stimulates keratinocyte proliferation
Stimulates dermal fibroblast proliferation
Promotes collagen synthesis
Promotes immune response

IL-6 [221] May promote keloid scar tissue formation
Promotes collagen and GAG synthesis
Promotes immune response

Vascular endothelial
growth factor
(VEGF) [221, 229]

Strongly promotes angiogenesis

(continued)
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Table 14.4 (continued)

Observed effect

Growth hormone (GH)
[221, 234]

Expedites wound healing
Promotes re-epithelialization
Promotes collagen synthesis
Increases the formation of granulation tissue
Increases the tensile strength of the healed wound
Stimulates the expression of IGF-1

Insulin-like growth
factor-1 (IGF-1) [221,
234, 235]

May function in scar tissue formation
Expedites wound healing
Promotes re-epithelialization
Promotes collagen synthesis
Can have negative side-effects if administered systemically

the device functionality. Incorporating the full epidermal and dermal cellular com-
plement could also be of significant benefit. Seeding tissue-engineered constructs
with melanocytes has been shown to improve skin pigmentation and cosmesis [236].
The addition of autologous Langerhans cells could potentially alleviate some of the
problems associated with infection leading to tissue necrosis and device failure. As
the number of patients who survive with severe burns over large TBSA increases,
the need for an economical, effective, off-the-shelf material for permanent wound
closure continues to motivate researchers in this field.
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Chapter 15
Natural and Synthetic Polymeric Scaffolds

Diana M. Yoon and John P. Fisher

15.1 Introduction

Clinical therapies have increasingly incorporated polymers as the basis for
biomaterials. Polymers are natural or synthetic long chain molecules that are formed
by linking repetitive monomer units. In the tissue engineering field, polymeric scaf-
folds have been widely investigated. A scaffold acts as a temporary support matrix
for various cell populations in order to achieve tissue repair or regeneration. Clearly,
polymer properties and scaffold design greatly impacts the function of incorporated
cells as well as the host tissue. Here we discuss several properties, including scaffold
fabrication, assembly, structure, biocompatibility, biodegradability and mechani-
cal properties, which must be considered in order to achieve successful tissue
regeneration.

15.2 Natural Polymers for Scaffold Fabrication

There are two main types of natural polymers that have been used in tissue engineer-
ing applications: polysaccharides and polypeptides (Table 15.1). Polysaccharides
are a chain of sugar units attached by a glycosidic bond, while polypeptides are a
chain of amino acids attached by a peptide bond. Since these polymers originate
from nature, they are often biocompatible and enzymatically biodegradable. The
main advantage for using natural polymers is that they often contain biofunctional
molecules that aid in the attachment, proliferation, and differentiation of cells. Prin-
ciple disadvantages of natural polymers are that their degradation may inhibit cell
function and their rate of degradation may not be easily controlled. Since enzymatic
activity can vary between hosts, it can be difficult to determine the lifespan of natural
polymers when placed within a specific tissue. Additionally, the mechanical proper-
ties of natural polymers are often low, although covalent chemistries for crosslinking
these polymers have shown to enhance structural stability. Finally, further chemical
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modification of natural polymers is sometimes challenging due to their complex
structure and varied composition.

15.2.1 Polysaccharides

15.2.1.1 Agarose

Agarose is a polysaccharide polymer with alternating two main monomer units:
1,4-linked 3,6 anhydro-α-L-galactose and 1,3-linked β-D-galactose (Table 15.1) [1].
Agarose is a natural polymer that is predominately obtained by isolation from algae.
The presence of hydroxyl groups on the polymer backbone induces polarity within
agarose. Therefore, two agarose chains may interact with each other through hydro-
gen bonding to form a double helix. Additionally, agarose is a water soluble poly-
mer that displays temperature sensitive properties. At high temperatures agarose is
water soluble while at low temperatures aqueous agarose solutions form into a gel.
Additionally, the properties of agarose, such as strength and permeability, can be
adjusted by changing the concentration of the polymer. By increasing the concen-
tration of agarose, the mechanical strength typically increases and the porosity or
void space between polymer chains decreases. The degradation of agarose occurs
mainly by enzymes into oligosaccharides.

The ability for agarose to form into a hydrogel has led to its use in tissue engi-
neering applications. Agarose gels have been shown to provide a three-dimensional
environment that allows for the proliferation of cells and retention of their pheno-
type [2]. Several different cell types have been encapsulated and have proliferated
within agarose gels. For example, chondrocytes, the predominant cell type in carti-
lage, have been cultured in agarose for 2–6 weeks [3]. During this period of time,
chondrocytes maintain their expression of type II collagen and proteoglycans [2,
4]. Another cell type that has been investigated within agarose gels is dorsal root
ganglia (DRG), a neural cell. By altering the porosity of the gels and incorporating
chitosan into the agarose matrix, an increase in nerve regeneration by chick DRG
cells was demonstrated [5, 6].

15.2.1.2 Alginate

Alginate, a natural polysaccharide that is also extracted from algae, has two repeat-
ing monomer units, β-D-mannuronate and α-L-guluronate, that are joined by a β(1-
4) linkage (Table 15.1) [1, 7, 8]. Additionally, alginate is a polyanion that exhibits
polar properties and therefore water solubility. Alginate is readily degraded by
naturally occurring enzymes, including alginate lysases. These enzymes primarily
degrade alginate at the β(1-4) linkage site [7]. Alginate can be crosslinked to form
a hydrogel when it is exposed to divalent ions, such as calcium [9, 10]. The phys-
ical and mechanical properties of alginate hydrogels are dependent on the length
and proportion of the guluronate block within the chain. The crosslinks of alginate
hydrogels can be broken down when the cations are removed or sequestered by
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chelating agents. The ease of solubilizing alginate gels makes these materials espe-
cially attractive for cell encapsulation studies. Alginate does not contain cellular
recognition proteins, limiting cell attachment to the natural polymer. By crosslink-
ing alginate with poly(ethylene glycol)-diamine, the mechanical properties of algi-
nate can be controlled and even improved [1].

Investigations have shown that alginate scaffolds can sustain the growth of
various cell types [7, 11–14]. Chondrocytes maintained a round morphology and
expressed type II collagen within alginate hydrogels [15]. Other forms of alginate,
such as a sponge, was found to support the adhesion of fibroblasts [11]. Hepato-
cytes, the functional cell type in liver, were also found to proliferate within alginate
scaffolds. Additionally, hepatocytes seeded within three-dimensional porous algi-
nate secreted albumin, indicating proper cell function [16]. Other cells demonstrat-
ing function within alginate hydrogels include cardiomyocytes, rat marrow cells and
Schwann cells [7, 14, 17].

15.2.1.3 Hyaluronic Acid

Hyaluronic acid is a polysaccharide that is also known as hyaluronan or HA
(Table 15.1). Hyaluronic acid is a major glycosaminoglycan in the extracellular
matrix of tissues that promotes early inflammation critical for wound healing [18].
Structurally, hyaluronic acid is composed of the monomers D-glucuronate and N-
acetyl-D-glucosamine that are stabilized with a β(1-3) linkage. In dilute concentra-
tions, the structure of hyaluronic acid is a random coil. At higher concentrations,
the coils become entangled, creating a stabilized network [19]. Similarly to most
natural polymers, hyaluronic acid displays non-immunogenic and non-adhesive
properties. Therefore, it is highly attractive for biomedical applications. Some disad-
vantages of hyaluronic acid are that it is highly water soluble and rapidly degradable
by enzymes, including hyaluronidase. However, when fabricated into a hydrogel,
hyaluronic acid is typically more stable [1, 5, 18].

Hyaluronic acid has been used in conjunction with other natural or synthetic
polymers to recapitulate the extracellular matrix structure. By creating such an envi-
ronment, the differentiation, proliferation, and function of many cell types may be
enhanced. For instance, hyaluronic acid has shown to facilitate the differentiation of
mesenchymal progenitor cells into osteoblasts and chondrocytes [5]. Furthermore,
chondrocytes embedded in hyaluronic acid have expressed type II collagen, form-
ing a tissue similar to native cartilage [20]. These results indicate that hyaluronic
acid hydrogels may be well suited for osteochondral repair. Alternatively, an ester
derivative of hyaluronic acid has been widely investigated for tissue engineering
applications [5, 20, 21]. For example, adipose precursor cells proliferated and dif-
ferentiated in these ester modified hyaluronic acid sponges [50, 21].

15.2.1.4 Chitosan

Chitin is a cellulose-like polymer that contains unbranched chains of N-acetyl-
D-glycosamine. This polymer is highly concentrated in, and therefore typically



15 Polymeric Scaffolds 419

isolated from, the exoskeletons of crustaceans and insects. Chitosan is a positively
charged polymer that is obtained from deacetylated chitin (Table 15.1). Thus, chi-
tosan contains D-glucosamine with randomly dispersed N-acetyl-D-glycosamine
groups. These monomers are linked at the β(1-4) site which makes it a polysaccha-
ride [1, 19, 22, 23]. Properties of chitosan are similar to hyaluronic acid due to their
common monomer units. Therefore, chitosan closely simulates glycosaminoglycans
within the extracellular matrix of tissues [1, 5]. Chitosan is easily degraded by chi-
tosanase enzymes and lysozymes. Furthermore, chitosan is cationic with semicrys-
talline properties of a high charge density. These attributes allow chitosan to be
insoluble above pH 7 and fully soluble below pH 5. At high pH solutions, chitosan
can be gelled into strong fibers [23]. Additionally, the cationic nature of chitosan
allows it to form polyelectrolytic complexes with anionic polymers. Chitosan hydro-
gels can also be formed by either ionic bonding or covalent crosslinking, using
crosslinking agents such as glutaraldehyde [1].

Chitosan has been established as a well defined matrix and as a porous scaffold.
Hepatocytes were found to maintain a rounded morphology and to secrete albumin
when cultured within chitosan scaffolds [24]. A different chitosan macrostructure,
such as crosslinked gels, have also been investigated to encapsulate hepatocytes.
Results indicated that an increased level of urea formation occurred [25]. Further-
more, chitosan has shown promise as an orthopedic scaffold. Bone formation has
been demonstrated by rat osteoblasts grown on a sponge form of chitosan [26]. Chi-
tosan scaffolds have also been shown to support the attachment and expression of
extracellular matrix components by chondrocytes [27].

15.3 Polypeptides

15.3.1 Collagen

Collagen is a structural protein that is a major component of musculoskeletal tissues
(Table 15.1). Therefore, it plays a role in cell function as well as tissue strength.
Currently there are at least 19 different types of collagen present within the body,
the most abundant of these being type I collagen [28]. Types II and III collagen
are also readily found in the extracellular matrix of many tissues. Collagen is com-
posed of three polypeptide chains intertwined with one another to form a triple
helix, providing stability within tissues. The three polypeptide chains are similar in
sequence, with a repeating sequence of glycine-X-Y, where X and Y are most often
proline and/or hydroxyproline. The triple helical structure is formed through hydro-
gen bonding of the peptide bond present in glycine and an adjacent peptide carbonyl
group [29]. Collagen is surface degradable by collagenase enzymes, which can bind
to the triple helix. This results in the helix unraveling and increasing the exposure
of the polypeptide chains to additional degradation enzymes. Therefore, collagen
has a tendency to degrade abruptly, limiting its long term use. Investigations have
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shown that crosslinking collagen with glutaraldehyde can decrease its degradation
rate [30].

Collagen is a component of natural wound healing, promoting blood coagula-
tion [28]. Additionally, collagen contains cell adhesion domains. These attributes
have led collagen to be used as a scaffold for cells, such as fibroblasts, within the
epithelium [31–33]. Collagen scaffolds further enable fibroblasts to function appro-
priately and, in turn, maintain collagen production. In native cartilage, chondrocytes
are known to synthesize type II collagen. Therefore, type II collagen has been stud-
ied for attaching chondrocytes and aiding in its proliferation and differentiation [34].
Hepatocytes isolated from rats have also been found to attach and secrete albumin
while grown on collagen and chitosan composite scaffolds [35]. The growth and
proteoglycan synthesis of corneal keratocytes have also been demonstrated on col-
lagen sponges [36].

15.3.1.1 Gelatin

Gelatin is derived by denaturing the triple-helix of collagen into single-stranded
molecules (Table 15.1). Gelatin is water soluble and displays temperature sensitive
properties. In aqueous solutions, gelatin entangles easily to form coils. At low tem-
peratures, gelatin is more likely to form a helical structure similar to collagen [1,
10]. However, this property is influenced by the presence of covalent crosslinks,
gelatin molecular weight and gelatin concentration. Since gelatin is a derivative of
collagen, it can be enzymatically broken down by collagenases. Gelatin hydrogels
typically have been poor mechanical stability, though there have been investigations
to stabilize gelatin hydrogels with chemical crosslinking agents such as glutaralde-
hyde [19].

Since gelatin closely resembles collagen in structure and function, it has been
readily used to support a variety of cells. For instance, gelatin has been used to sup-
port cells for orthopedic applications. Rat marrow stromal osteoblasts encapsulated
in gelatin microparticles retained their phenotype [37]. Porous gelatin scaffolds sup-
ported human adipose derived stem cell attachment and differentiation into a variety
of cell lineages. These constructs expressed a chondrogenic phenotype, indicated by
the expression of hydroxyproline and glycosaminoglycans (GAG), both of which
are present in the extracellular matrix of cartilage [38]. Furthermore, non-orthopedic
cell types, such as respiratory epithelial cells and cardiocyocytes, have been shown
to attach and maintain round morphologies in gelatin scaffolds [14, 39].

15.3.1.2 Silk

Silks are biopolymers that are fibrous with a protein polymer basis (Table 15.1)
[40]. The two primary sources of silks are from spiders and silkworms. While both
silks display different properties, they are structurally similar. The primary structure
of silks is a repetitive sequence of proteins that are glycine-rich. The secondary
structure of silks is a β-sheet, which allows silks to exhibit enormous mechanical
strength and is the primary reason for its strong interest as a scaffold. Silks have
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been found to be both stronger than steel and very elastic. Silks primarily undergo
proteolytic degradation by proteases, such as chymotrypsin [40]. The structure of
silk allows for slow degradation and strength maintenance. Since silks and their
components are xenogenic tissue components, they may cause an allergic response.
Additionally, the host tissue can form a granuloma, where connective tissue and
capillaries conglomerate around the silk, leading to further inflammation or blood
clotting. The use of silks as a scaffold material for cell attachment and function has
been investigated. Results show that a positive response occurs by fibroblasts on
fibroin silks. And recently, osteoblasts seeded on silks have displayed bone growth
characteristics [41, 42].

15.4 Synthetic Polymers for Scaffold Fabrication

Polymers that are chemically synthesized offer several notable advantages over
naturally derived polymers. Most notably, the molecular structure of synthetic poly-
mers can be tailored to suit specific functions and thus exhibit controllable proper-
ties. Synthetic polymers are found in either a semicrystalline or an amorphous state.
A semicrystalline polymer network contains dense chain regions, which are not uni-
formly distributed. These regions act as crosslinks and contribute to the mechanical
strength of these polymer gels [43]. When semicrystalline polymers are above their
melting temperature, they can be easily molded. Amorphous polymers act like rub-
ber or glass, depending on whether the polymer is below or above its glass transition
temperature respectively [43]. Their structure can be altered through chemical bond-
ing by copolymerization, or physical mixing combined by blending. Synthetic poly-
mers typically lack important biomolecules that aid in cell attachment. This issue
has been addressed by modifying their surface with biomolecules to stimulate cell
attachment and growth. Since many synthetic polymers undergo hydrolytic degra-
dation, a scaffold’s degradation rate should not vary significantly between hosts.
A disadvantage of synthetic polymers is that they may degrade into unfavorable
products, such as acids. At high concentrations of these degradation products, local
acidity may increase, resulting in adverse responses such as inflammation or fibrous
encapsulation [5, 44, 45]. Additionally, the processing technique of synthetic poly-
mers often requires the use of an organic solvent to act as a solubilizer. Residual sol-
vents can lead to adverse effects in the host. The most common synthetic polymers
are polyesters. Other types include polyanhydrides, polyphosphazenes, polycarbon-
ates, poly(ethylene glycol) and polyurethane (Table 15.2).

15.4.1 Polyesters

15.4.1.1 Poly(Glycolic Acid)

Poly(glycolic acid) (PGA) is a polyester that belongs to a family of poly(α-hydroxy
esters) (Table 15.2). PGA is an aliphatic polymer, which implies that its backbone
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of carbon atoms are linked linearly or branched without aromatic structures. PGA
is formed by ring-opening polymerization of cyclic diesters of glycolide [44]. Since
PGA is a linear polymer, it is readily formed into fibers. However, it can be formed
into various macrostructures through various casting techniques. PGA is a highly
crystalline polymer inherited from the properties of glycolide. Therefore, it has a
high melting point (185–225 ◦C) and low solubility in organic solvents [45, 46].
PGA is also hydrophilic and undergoes bulk degradation, often leading to a sudden
loss in mechanical strength. PGA does not undergo enzymatic degradation, but is
degraded hydrolytically into glycolic acid, which can be metabolized by the body.
This aspect has led to the use of poly(glycolic) acid as a biodegradable material.
However, glycolic acid at high concentrations has been found to lower the pH of the
surrounding tissue, possibly causing inflammation and tissue damage [44].

The versatility of poly(glycolic acid) in the medical field has led to its use as a
scaffold for tissue engineering applications. Bovine chondrocytes seeded on PGA
scaffolds in vitro expressed sulfated glycosaminoglycans 25% more than native car-
tilage [47]. Furthermore, in vivo results using a mouse model have been found to be
comparable to the in vitro results. Other studies seeded myofibroblasts and endothe-
lial cells on a PGA fiber matrix. These cells persisted and expressed elastic filaments
and collagen, demonstrating the potential use of PGA scaffolds for heart valve engi-
neering [48]. Hepatocytes have also attached onto PGA, which initiated albumin
synthesis [49]. Some investigations have coated PGA with other poly(α-hydroxy
esters). These PGA coated scaffolds have shown support for muscle and endothelial
cell growth [50].

15.4.1.2 Poly(L-lactic acid)

Poly(lactic acid) is a another type of polyester that is classified as a linear poly(α-
hydroxy acid). This linear polymer can be formed into three isomers: poly(L-lactic)
acid, poly(D-lactic acid) and poly(D,L-lactic acid). Poly(L-lactic acid) (PLLA) is
commonly used in tissue engineering applications (Table 15.2). PLLA is formed by
ring-opening polymerization of L-lactide [51]. The structure of PLLA is similar to
PGA. However, PLLA contains a pendant methyl group, increasing the hydropho-
bicity of the polymer and lowering the melting temperature to 170–180 ◦C [46].
Additionally, the methyl group hinders the ester bond cleavage of PLLA, decreasing
the degradation rate of the polymer [44]. PLLA typically undergoes bulk, hydrolytic
ester-linkage degradation, decomposing into lactic acid. The degradation product of
PLLA is naturally produced by the body. It has been noted that the body can excrete
lactic acid through the respiratory system in the form of water and carbon dioxide
[45, 51]. However, large concentrated quantities of lactic acid can be harmful to the
tissue surrounding the implant due to its acidic properties.

PLLA has been found to support the attachment of various cell types onto its sur-
face. However, investigations have shown that less cells adhere to PLLA compared
to other polymers, such as PGA [52]. Even with this result, the ability for PLLA to
provide support for cell attachment and function has led to its continued use in tis-
sue engineering applications. Human bladder smooth muscle cells have been seeded
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onto PLLA scaffolds and presented normal metabolic function and cell growth [13].
Additionally, cartilage formation has been shown to occur when chondrocytes were
attached onto PLLA scaffolds by displaying collagen, glycosaminoglycan, and elas-
tic expression [53]. PLLA fibers have shown great promise in allowing cells to dif-
ferentiate into the appropriate cell lineage. Stem cells differentiated and expressed
positive cues for neurite growth for potential regeneration of neurons when they
were seeded on PLLA [54].

15.4.1.3 Poly(D,L-lactic acid-co-glycolic acid)

Poly(lactic acid) and poly(glycolic acid) can be copolymerized to form poly(D,L-
lactic acid-co-glycolic acid) (PLGA) (Table 15.2). The properties of the copolymer
are very different from the individual polymers. PGA and PLA are semicrystalline
polymers. However, PLGA is amorphous, which is a solid, non-crystalline struc-
ture. Therefore, this copolymer can have varying properties depending on the ratio
of PLA and PGA. PLGA has been found to degrade slower as well as demonstrate
lower mechanical strength compared to the individual crystalline polymers. The
presence of ester linkages makes PLGA susceptible to ester hydrolysis and has been
shown to primarily undergo bulk degradation. However, it is important to note that
the copolymer composition is not linearly related to the mechanical and degrada-
tion properties of PLGA. For example, a 50:50 ratio of PGA and PLLA typically
degrades faster than either homopolymer [43, 46].

The makeup of PLGA from biodegradable polymers and their adjustable prop-
erties has led to their –use as a tissue engineering scaffold. PLGA has been found
to support a variety of cell types. Orthopedic cell types seeded onto PLGA scaf-
folds have been found to express extracellular matrix components [52, 55]. For
instance, osteoblastic cells synthesized collagen, fibronectin, and laminin. Addition-
ally, PLGA can facilitate human epithelial fibroblasts to regenerate an extracellular
matrix [5]. An epithelial layer was formed when enterocytes, cells derived from
the intestine epithelium, were seeded on PLGA [56]. Furthermore, PLGA promoted
smooth muscle cell growth as well as the production of collagen and elastin [57].
Similar works showed enhancement of gene expression by neural cells on PLGA
scaffolds [58].

15.4.1.4 Poly(ε-caprolactone)

Poly(ε-caprolactone) (PCL) is an aliphatic polyester with one repeating ester group
and five methylene groups (Table 15.2). PCL is highly water soluble with semicrys-
talline properties and has a melting temperature of 58–63 ◦C [19, 46]. This polyester
is formed by ring-opening polymerization of ε-caprolactone. These monomers are
linked together by a hydrolytically degradable ester bond. The degradation of PCL
occurs by bulk or surface hydrolysis, resulting in a byproduct of caproic acid. At
low concentrations, the acidic byproducts do not cause a significant negative reac-
tion in the surrounding tissue. Therefore, these scaffolds may be more effective
when the acidic byproducts are not released at a high concentration. PCL degrades
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at a relatively slow rate compared to other polyesters. It has been shown to maintain
its structure in vivo for up to two years [46]. By copolymerizing PCL with other
polymers, the degradation rate can be altered. For instance, to increase the degrada-
tion rate, PCL can be copolymerized with collagen, poly(glycolic acid), poly(lactic
acid), and poly(ethylene glycol) [59–61]. The ease with which PCL can be copoly-
merized with a variety of polymers has made it an attractive component of polymeric
scaffolds.

PCL has been investigated as a stabilizing polymer on PGA scaffolds to aid the
formation of spherical aggregates by human biliary epithelial cells (hBEC). These
hBECs proliferated on the synthetic scaffold and expressed phenotypic proteins,
indicating cell stability [60]. Further studies of PCL as a homopolymer has demon-
strated its support of human osteoblast and dermal fibroblast cell viability [62, 63].
The results with osteoblasts on porous PCL has shown a production of alkaline phos-
phatase, a marker of bone mineralization [62]. Also, dermal fibroblasts on mechani-
cally stretched PCL films proliferated and maintained their round morphology [63].

15.4.1.5 Poly(propylene fumarate)

Poly(propylene fumarate) (PPF) is a polyester with a repeating unit consisting of
two ester groups and one central carbon-carbon double bond (Table 15.2). The pres-
ence of an ester bond within PPF allows it to degrade by hydrolysis. The primary
degradation byproducts of PPF are fumaric acid and propylene glycol. Recent inves-
tigations have shown that the byproducts cause mild and short inflammation, thus
indicating biocompatibility [64]. The unsaturated double bonds allow for covalent
crosslinking of PPF to occur. A cured form of PPF has been shown to possess sig-
nificant compressive and tensile strength. Furthermore, this triggerable crosslinking
aids in the formation of a synthetic scaffold in situ [65, 66]. Thus PPF can be used
as an injectable polymer for tissue engineering applications. Additional research has
also been conducted with PPF copolymerized with PEG. PPF is hydrophobic but
with the incorporation of PEG, it has increased hydrophilicity. The PPF and PEG
copolymer has been shown to support endothelial cell attachment and proliferation
[67, 68].

15.4.1.6 Polyorthoester

There are many types of polyorthoesters (POE) that have been synthesized. The
main form considered for tissue engineering applications has been created through
the reaction of ketene acetals with diols (Table 15.2) [69]. This form has led POE to
exhibit hydrophobic properties and undergo surface degradation [5, 70]. Through
copolymerization, the properties of POE can be adjusted or modified to exhibit
certain attributes. For instance, the degradation rate of the copolymer can be con-
trolled by incorporating short acid groups, such as glycolic or lactic acid [70]. The
orthoester linkages within POE have been found to be more hydrolytically sensitive
in acids compared to bases [19, 43]. The ability for POE to undergo surface ero-
sion has primarily led to its use in bone reconstruction [5, 71]. Surface degradation
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allows a scaffold to sustain mechanical support for the surrounding tissue since the
bulk of the material remains structurally intact. In other studies, hepatocytes were
grafted onto polyorthoesters and adhered to the surface of the synthetic scaffold
[72].

15.4.2 Other Synthetic Polymers

15.4.2.1 Polyanhydride

Polyanhydrides are a class of polymers containing anhydride bonds, which tend to
be highly water liable (Table 15.2) [73]. Polyanhydrides are hydrophobic polymers
that exist in a crystalline state with a melting temperature of approximately 100 ◦C
[74]. Aliphatic polyanhydrides are synthesized by a dehydration reaction between
diacids. The degradation rate for polyanhydrides is fairly quick due to the instabil-
ity of the anhydride bonds and investigations have shown that these polymers can
degrade in a period of days to weeks. However the properties of polyanhydrides can
be changed through the diacid building block. One aspect that is easily modifiable
is the degradation rate, which can be slowed down by increasing the hydrophobicity
of its backbone [74]. Polyanhydrides are generally thought to degrade following a
surface degradation mechanism. Additionally, the ability of polyanhydrides to be
photocrosslinked has led to its application as an injectable polymer curing in situ
[75, 76].

The similarity of polyorthoesters to polyanhydrides has focused their use for pri-
marily orthopaedic tissue engineering applications. However, the modest mechani-
cal properties of entangled polyanhydride networks has limited their application in
weight bearing environments [45]. This limitation resulted in further studies involv-
ing the formation of crosslinkable polyanhydride networks with incorporated imides
[51, 77]. The imide bonds that formed were found to undergo hydrolysis, allow-
ing for degradation of the poly(anhydrides-co-imides) copolymer. Scaffolds formed
from these networks possess significant mechanical properties, such as a compres-
sive strength of 30–60 MPa, allowing for their use in some weight bearing orthope-
dic sites [45, 74, 77, 78].

15.4.2.2 Polyphosphazene

Polyphosphazene consists of an inorganic backbone containing nitrogen and phos-
phorous atom (Table 15.2). Polyphosphazene is hydrophobic and typically under-
goes hydrolytic surface degradation into phosphate and ammonium salt byproducts.
There are a variety of polyphosphazenes that may be synthesized, due to the numer-
ous types of hydrolytically labile substituents that can be added to the phosphorous
atoms [79]. These viable substituents allow the properties of polyphosphazenes to be
extremely controllable. Nevertheless, most polyphosphazenes display a slow degra-
dation rate in vivo [79].
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A number of different polyphosphazenes have been synthesized for use as tis-
sue engineering scaffolds. Due to its high strength and surface degradation prop-
erties, it has been particularly investigated as an orthopedic biomaterial [80].
Osteoblast cells that support skeletal tissue formation have been seeded and
proliferated on a three-dimensional polyphosphazene scaffold [81]. Additionally,
poly(organo)phosphazenes have been studied as scaffolds for synthetic nerve grafts
in peripheral nerve regeneration [82].

15.4.2.3 Polycarbonate

Tyrosine-derived polycarbonate (P(DTR carbonate)) is an amorphous polycarbon-
ate well studied for biomedical applications (Table 15.2). The presence of a pendant
group within the linear chain of P(DTR carbonate) allows it to be easily modified by
attaching various functional groups [83]. There are three bonds within P(DTR car-
bonate) that are susceptible to hydrolytic degradation: amide, carbonate, and ester
bond [51, 83]. The carbonate bonds have been found to degrade at a faster rate com-
pared to the ester bonds. However, the period of time that P(DTR carbonate) takes
to degrade can range from months to years [84]. The ester bond degrades into car-
boxylic acid and alcohol, while the carbonate bond releases two alcohols and carbon
dioxide [83]. The amide has been found to be relatively stable in vitro [83]. Overall,
P(DTR carbonate) undergoes bulk degradation. Its mechanical properties are deter-
mined by the pendant group, which could create possible crosslinking networks [51,
83].

Since the degradation rate of polycarbonates is relatively slow, it has been pri-
marily used for orthopedic tissue engineering applications. For instance, P(DTR
carbonate) elicits a response for bone ingrowth at the bone-polymer implant inter-
face, supporting the use of P(DTR carbonate) as a bone scaffold [84]. Recent stud-
ies has shown that osteoblast cells attach onto the surface of P(DTR carbonate).
Results indicate that these osteoblasts maintained their phenotype and rounded cell
morphology [85].

15.4.2.4 Poly(ethylene glycol)

Poly(ethylene glycol) (PEG) is a linear-chained polymer consisting of a simple
oxygen-carbon-carbon repeating unit (Table 15.2). The number of repeating units
determines the length and therefore the molecular weight of PEG [86, 87]. PEG
is synthesized by an anionic/cationic polymerization [1, 5]. Unmodified PEG is
non-degradable. However, PEG may be copolymerized with degradable polymers
to allow for material degradation [88]. Due to the oxygen molecule within the back-
bone, PEG is highly water soluble. When PEG is copolymerized it can contribute
significant hydrophilicity to the substituent polymer. The ability of PEG to act as
a swelling polymer has primarily led to its function as a hydrogel, and in some
instances an injectable hydrogel. Unfortunately, the linear chain form of PEG leads
to rapid diffusion and low mechanical stability [5]. PEG networks may be created by
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attaching functional groups to the ends of the PEG chain and then initiating covalent
crosslinking [5, 29, 87, 89–91]

There are many biomedical applications that incorporate PEG. This is due to the
ease in which it can undergo modification either by crosslinking groups for net-
work formation or creating degradable groups for resorbable applications. PEG has
been copolymerized with various polymers to create a construct with controlled
erosion methods or degradation rates. For example, PEG has been copolymerized
with PLGA as well as alginate to form hydrogels. Results have shown that chon-
drocyte proliferation on copolymerized PLGA-PEG increases with hydrogel degra-
dation rate [92]. Similarly, islets of Langerhans in alginate-PEG hydrogels retained
their viability and expressed function through insulin excretion [93].

15.4.2.5 Polyurethane

Recent investigations have developed polyurethane polymers as scaffold materi-
als. Polyurethane is an elastomeric polymer that is typically non-degradable (Table
15.2). Positive attributes, such as flexible mechanical strength and biocompatibil-
ity, have led to the synthesis of degradable polyurethanes with non-toxic diiso-
cyanate derivatives [45, 94–96]. Functional groups can be attached to the surface
of polyurethanes to aid in cell attachment. Additionally, polyurethane can be modi-
fied by incorporating different structural polymers, such as branched or star shaped
polymers. Studies have shown that polyurethane scaffolds support cell attachment
with chondrocytes, bone marrow stromal cells, and cardiomyocytes [96–98].

15.5 Fabrication Techniques

The fabrication of a biomaterial is an important aspect of polymer technology to
consider when constructing a tissue engineering scaffold. There are several conven-
tional techniques readily used to develop porous matrices including fiber bonding,
solvent-casting particulate-leaching, gas foaming, freeze drying, phase separation,
and melt molding. These techniques tend to be mainly process driven. However,
there has been a growing interest in creating design driven techniques such as rapid
prototyping or solid freeform fabrication.

15.5.1 Conventional Techniques

15.5.1.1 Fiber Bonding

Fibers are often processed from semicrystalline polymers, such as PGA or PLA. A
fiber mesh is a three-dimensional patterned structure created from individual poly-
mer fibers. This construct contains a large surface area with a porous network allow-
ing for greater cell attachment as well as diffusion of nutrients and waste material
[46]. However, due to the high porosity of a mesh structure there is often limited
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structural stability. Therefore, a fiber bonding technique was developed to resolve
this issue [44, 46, 99, 100]. In one case, PLA dissolved in a solvent is cast over
a PGA mesh. The construct is heated above the melting temperature of PGA and
the solvent is evaporated. By cooling and re-dissolving PLA, the individual fibers
within the PGA mesh become connected at the fiber crosspoints. The main disad-
vantage of this technique is that the solvent being used to dissolve the polymer may
be harmful to the host [46].

15.5.1.2 Solvent-Casting Particulate-Leaching

A common technique used for scaffold fabrication is solvent-casting particulate-
leaching [101]. This process involves mold casting a solution mixture of dispersed
particles and a polymer. A highly interconnected porous scaffold may be generated
by leaching out the dispersed particles with water. The void spaces left behind by the
particles can form a porous structure. An advantage of this technique is that porosity
and pore size can be controlled independently by altering particle concentration and
size.

15.5.1.3 Phase Separation

Phase separation is a process that isolates the components of a homogeneous mix-
ture. First, a polymer is dissolved in a solvent [46, 102]. By lowering the temper-
ature of the solution, a phase separation occurs where one phase is polymer rich
and one phase is solvent rich. A porous membrane is formed after the solvent is
removed [103, 104]. This technique offers an advantage compared to the previous
methods mentioned because the moderate conditions allows the incorporation of
biomolecules within the structure. Additionally, the structure of the scaffold can
be changed by altering polymer material, polymer concentration, phase transitions,
and/or solvents. However, the morphology of the resulting scaffold is difficult to
predict.

15.5.1.4 Melt Molding

Melt molding is a technique that forms a scaffold by combining a polymer pow-
der and microspheres into a mold [44]. The polymer powder adheres together when
pressure is applied to this mold and it is heated above the glass transition tempera-
ture of the polymer. By removing the molded polymer and placing it in water, the
entrapped microspheres can be removed. This technique results in a porous three-
dimensional membrane. Pore size is affected by the microsphere diameter and the
porosity is determined by the microsphere concentration. Since this technique does
not involve organic solvents, bioactive molecules can be incorporated in the scaf-
fold. Additionally, a defined shape of the construct can be formed, allowing for
further variability in its design. A disadvantage of this technique is that high tem-
peratures may be required for semicrystalline polymers [46].
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15.5.1.5 Freeze Drying

Freeze drying is another temperature altering method to create a porous structure
[105]. Natural or synthetic polymers are dissolved into an extremely cold solvent,
such as acetic acid or benzene [99]. By combining this solution with water, an emul-
sion is created [106]. Rapidly freezing this emulsion produces ice crystals, com-
posed of the solvent and water, which may become aggregated. By removing the ice
crystals through a freeze drying technique, a highly connected porous matrix can be
formed. Pore size can be controlled by altering the freezing rate where typically, a
fast rate creates smaller pores. However, pore structure is difficult to control. In order
to address the pore structure concern, freeze drying may be altered by combining it
with the particulate-leaching technique [107].

15.5.1.6 Gas Foaming

The gas foaming technique uses gases, either pressurized or generated from reac-
tions, to create pores within the scaffold [107, 108]. The formation of bubbles
within the polymer leads to the formation of macropores. The porosity and pore
structure are dependent on factors such as gas volume, rate of gas nucleation and
gas diffusion. An advantage of the gas foaming technique is that it involves no
organic solvents. Improvements of this method have been established by incorpo-
rating particulate-leaching [109, 110].

15.5.2 Rapid Prototyping or Solid Freeform
Fabrication Techniques

Conventional fabrication techniques have significant limitations in controlling scaf-
fold design parameters, such as pore size, pore shape, pore interconnectivity,
and wall thickness. This shortcoming has led researchers to investigate rapid
prototyping (RP) or solid freeform fabrication (SFF) techniques for tissue engineer-
ing applications [111]. RP or SFF are techniques that create reproducible three-
dimensional structures layer by layer. Furthermore, a scaffold’s architecture can be
precisely designed and assembled using computer aided design methods to drive
these fabrication techniques. Additionally, this process is performed at room tem-
perature, possibly allowing the scaffold to be constructed with encapsulated cells
and biomolecules without degeneration. The major disadvantage of this technique
is that it is only applicable to specific polymers. Specific RP or SFF processes are
three-dimensional printing (3-DP), sheet lamination, laser stereolithography, pho-
topolymerization, and fused deposition modeling (FDM) [111–117].
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15.6 Properties for Scaffold Design

Scaffold materials for tissue engineering must exhibit certain properties in order to
achieve tissue regeneration. A number of scaffold properties must therefore be con-
sidered, including assembly, surface properties, macrostructure, biocompatibility,
biodegradability and mechanical properties. Each of these scaffold properties will
be examined in detail below.

15.6.1 Polymer Assembly

The two main considerations in the assembly of a polymeric tissue engineering scaf-
fold are curing methods and fabrication strategies. Curing methods provide details
on how polymer chains are formed into a bulk material. The predominant influence
upon curing method is the chemical nature of the polymer, specifically polymer
length and polymer functionality [118]. The two main curing methods currently
under widespread use in tissue engineering applications are polymer entanglement
and crosslinking.

Many polymers will associate with one another in solution [119]. Typically,
this occurs with long, linear, saturated polymers. A loosely bound network may be
formed when the individual polymer chains become entangled. This type of curing
method is often achieved when casting the polymer in a mold. The process involves
dissolving a polymer in a solvent and pouring the resulting solution into a heated
mold. The solvent is removed by evaporation and the polymer is then formed into
the shape of the mold using pressure, heat, or both [120, 121]. An advantage of poly-
mer entanglement is that it is a relatively simple process. However, there may be a
lack of mechanical strength of constructs formed from entangled polymer chains.

Another curing method to form a bulk material is through crosslinking of indi-
vidual polymer chains, by physical or chemical bonds. Physical, non-covalent inter-
actions involve individual polymer chains forming hydrogen or ionic bonds among
each other [118]. Polymers can also interact with one another through chemical,
covalent interactions. In this situation the polymer must have a reactive site, such
as an unsaturated carbon-carbon double bond, to allow for crosslinking. Covalent
crosslinking is typically propagated by a free radical that, in turn, is initiated by a
signal such as heat, light, chemical accelerant, or time [87]. Crosslinked polymers
often have significant mechanical properties. Furthermore, since crosslinked poly-
mers are formed by a response to a signal, they can be utilized as an injectable
material that is cured in situ. The major disadvantage of crosslinked systems is that
the chemical reactions, as well as reactants and byproducts, may create cytotoxic
environments.

The curing of a polymer into a tissue engineering scaffold may occur before
implantation, as in the case of prefabricated scaffolds, or during implantation, as in
the case of in situ fabricated scaffolds [46]. A prefabricated scaffold is often pre-
ferred because the engineered construct is formed outside the body, allowing for
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removal of cytotoxic and non-biocompatible components prior to its implantation.
Additionally, a cell population can be incorporated into the scaffold after fabrication
and then cultured in vitro to create a living, viable and transplantable construct. A
significant disadvantage of prefabrication is the construct’s rigid boundary which
often prevents a seamless fit into the defect site. Gaps between the engineered graft
and host tissue may lead to undesirable reactions within the host, including fibrous
tissue formations and construct failure. In order to try to alleviate this concern, tech-
niques such as rapid prototyping are under development to create precise fitting
constructs.

The drawbacks of prefabricated structures have led to a strategy of in situ fab-
rication of constructs, which involves curing of a polymeric matrix at the site
of the tissue defect [87]. The components that form these structures typically
involve injectable liquids. The deformability of in situ fabricated matrices allow
for improved tissue integration between the scaffold and the surrounding tissue.
Additionally, the use of liquid components limits the need for invasive surgical pro-
cedures. A disadvantage of in situ fabrication of scaffolds is that the components
required for curing may be harmful to the host tissue. Furthermore, the delivery of a
cell population to the defect site may be considerably more complicated with an in
situ curing system. Effectively, the use of such a system greatly reduces the possible
materials and curing chemistries available to the tissue engineer.

15.6.2 Surface Properties

As most cells utilized in tissue engineering are anchorage dependent, it has been
reasoned that the scaffold should facilitate their attachment. Therefore the surface
properties of the engineered construct are clearly critical for tissue regeneration.
The scaffold surface is the initial and primary site of interaction with surrounding
cells and tissue. Most tissue engineering strategies will favor surfaces where cells
attach abundantly and easily. Thus scaffolds with a large and accessible surface
area are favorable. Many natural polymers have functional proteins that will aid
in cell attachment. Synthetic polymers, on the other hand, tend to lack the ligands
required to attract cells to the scaffold. This issue can be addressed by chemically
modifying the surface of the synthetic polymer matrix with short peptide sequences
or long protein chains [122]. Common peptides that function as ligands originate
from proteins present in the extracellular matrix, such as fibronectin, vitronectin,
and laminin [122]. These biomimetic scaffolds have been widely investigated for
tissue engineering applications [122–124].

15.6.3 Macrostructure

A scaffold with an interconnected porous network should be fabricated to allow
cells, nutrients, and waste to diffuse throughout the tissue defect site. It is
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advantageous for a scaffold to have a high surface area to volume ratio, with a
continuous network of small diameter pores. However, a disadvantage of a highly
porous network is that it tends to compromise the mechanical integrity of the poly-
meric scaffold. Clearly, a balance of a scaffold’s surface area, void space, and
mechanical integrity is a necessary challenge that must be overcome in the con-
struction of viable tissue engineering scaffolds.

Fiber meshes are formed by weaving or knitting individual polymeric fibers into
a three-dimensional structure. Meshes are attractive for tissue engineering as they
provide a large surface area for cell attachment [46]. Furthermore, a fiber mesh scaf-
fold structure mimics the properties of the extracellular matrix, allowing the diffu-
sion of nutrients to cells and waste products from cells. A disadvantage to this form
is the lack of structural stability. However, fiber bonding, which involves bonding at
fiber cross points, has been introduced to create a more stable structure [100].

Foam and sponge scaffolds provide a structural template for cells to form into
a three-dimensional tissue structure. These scaffolds tend to be constructed outside
of the host before implantation. Their porous network also simulates the extracel-
lular matrix architecture allowing cells to interact effectively with their environ-
ments. Though foams and sponges are more mechanically stable comparatively to
mesh structures, they are still limited due to the open spaces present throughout the
scaffold. The porosity as well as the pore structure can be manipulated by several
different processing techniques, such as solvent-casting particulate-leaching, melt
molding, freezing drying, and gas foaming.

Hydrophilic polymers are often formed into hydrogels by physical polymer
entanglements, secondary forces (i.e., van der Waals), or crosslinking [10, 87].
The hydrophilic nature of the constituent polymers within hydrogels allows them
to absorb tremendous amounts of water; some hydrogels can absorb water up to a
thousand times their own dry weight [10]. The aqueous environment is also an ideal
setting for cell encapsulation. The quick diffusion of nutrients, proteins, and waste
allows hydrogels to maintain cell growth. Hydrogels are generally easy to inject or
mold, and therefore are often incorporated into strategies involving minimally inva-
sive surgical techniques [29]. Some drawbacks to hydrogels are that they lack strong
mechanical properties and they are difficult to sterilize [10, 29].

15.6.4 Biocompatibility

One critical property of a scaffold for tissue engineering applications is biocompat-
ibility. We define tissue engineered constructs as biocompatible if they elicit a mini-
mal immune and inflammatory response, reflecting the premise that these responses
can not be completely eliminated. This definition further implies that the response
should not be prolonged and the degradation byproducts of the construct should not
lead to a host response.

In order to create a biocompatible scaffold, it is helpful to understand the inflam-
mation and healing response of the body. The body responds to an implant similarly
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to an injury of a tissue. A sequence of events takes place that may be classified into
three phases [125–127]. Phase I occurs no matter what material is being implanted.
It is initiated when any foreign body is introduced and leads to an acute and chronic
inflammation response, which lasts for approximately 1–2 weeks. Phase I is inde-
pendent on the biodegradability of the polymer. The rate of phase II is determined
by the degradation rate of the polymer. A granulation and foreign body response is
elicited after the first phase. Usually this step occurs at the interface of the poly-
mer to the tissue, typified by a fibrous capsule formation. A fibrous capsule involves
the interaction of fibroblasts and formation of blood vessels on the polymeric scaf-
fold. Lastly, phase III is the initiation of fibrosis, which is enhanced as the scaffold
becomes further degraded. The rate at which the scaffold is degraded determines the
length of this phase, varying from 1 to 2 weeks to several months.

The time length of each phase is dependent on the scaffold’s properties, espe-
cially degradation rate. Other strong influences include composition, fabrication,
surface properties and macrostructure. Additionally, the site of implantation will
determine the local conditioning which drives the tissue response.

15.6.5 Biodegradability

Scaffolds can offer either temporary or permanent support. Most tissue engineering
strategies, however, envision scaffold support until the host tissue begins to regener-
ate or heal. In these cases, the scaffold should be biodegradable. The biodegradation
of a polymer is greatly affected by its properties, including components, fabrication
and structure. Initial degradation of hydrolytically degradable scaffolds occurs at
the water liable linkages of the polymer. This leads to the polymer chains become
shorter, which allows for the overall degradation of the construct. The byproducts
that form should also be biocompatible and then utilized or removed from the body.
Another aspect that is important to consider when constructing a polymeric scaf-
fold is the rate of degradation. The degradation rate may affect the length of a host
response as well as the ability for the tissue to regenerate in an appropriate period of
time [19, 44]. Polymeric scaffolds that degrade at a rate relatively close to the rate
of tissue repair may be preferred. However, the rate of tissue repair in the presence
of a degrading construct may be difficult to establish.

Polymeric scaffolds can either undergo bulk, surface, or both types of degra-
dation [43, 128]. Polymeric scaffolds that undergo bulk degradation tend to break
down quicker internally compared to the surface. Initially when the scaffold is in
contact with water, the surface starts to degrade. The bulk of the structure then
undergoes degradation as water penetrates into the internal areas. As time pro-
gresses, the bulk degradation rate becomes quicker than the surface degradation.
This is most often seen when the degradation product catalyzes degradation, as in
the case of acid degradation products. The rise in local pH within the scaffold results
in an enhanced degradation rate. Furthermore, once the inner matrix has become
completely degraded, the mechanical strength of the overall construct decreases.
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However, since the scaffold does maintain its surface, it can still provide a stable
platform for cells to attach and function properly.

A polymeric scaffold that primarily undergoes surface degradation can be
described similarly to the dissolution of soap. The rate at which the surface degrades
is usually constant. Therefore, even though the size of the scaffold becomes smaller,
the bulk structure is maintained. These types of degrading scaffolds provide longer
mechanical stability for the tissue to regenerate. Surface eroding scaffolds tend to
have hydrophobic characteristics, making the constituent polymer difficult to break-
down in the aqueous environments that are seen in vivo. Natural polymers that
degrade enzymatically undergo surface degradation since most of the functional
enzymes are too large to penetrate the bulk of the structure.

15.6.6 Mechanical Properties

The location of a scaffold within a tissue determines the importance of its struc-
tural stability. Therefore, the properties of the scaffold should be designed to
accommodate the stresses and strains of the surrounding tissue. Scaffold mechani-
cal properties are especially important for weight bearing orthopedic tissues. Since
the scaffold should provide temporary support, the rate of degradation should not
be shorter than the length of time the tissue needs to regenerate. Additionally, the
surrounding tissue should be able to maintain its own mechanical role in stress dissi-
pation. In cases where mechanical forces are thought to be required for cell growth
and phenotype maintenance, a scaffold which displays surface eroding properties
may be preferred.

15.7 Summary

There are numerous variables to consider when constructing an appropriate poly-
meric scaffold. In this chapter we have discussed some of the important proper-
ties that polymeric scaffolds should exhibit as well as how to create and modify
them. Natural and synthetic polymers are widely employed as the basic material
in tissue engineering scaffolds. Natural polymers can assimilate into the host tis-
sue and provide positive interaction with cells and biomolecules. Synthetic poly-
mers can easily be adjusted and altered to provide properties necessary for tissue
regeneration. Both conventional and novel techniques can be utilized in the fabrica-
tion of tissue engineering scaffolds. Conventional techniques, such as fiber bonding
and particulate-leaching, are simple bench top techniques that produce viable scaf-
folds. Rapid prototyping or solid freeform fabrication is a developing technique that
allows for greater control over scaffold architecture. Finally, an important aspect
to consider when constructing a scaffold for tissue regeneration is design. Over-
all, the critical design parameters include polymer assembly, surface properties,
macrostructure, biocompatibility, biodegradability, and mechanical properties.
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Chapter 16
BioMEMS

Florent Cros

16.1 MEMS General Introduction

In the 1966 motion picture “Fantastic Voyage”, a microscopic vessel channels
along the arteries of a patient to perform a critical brain surgical operation.
The fictitious microscopic submarine is built using a very attractive method of
miniaturization: a fully functional macro-scale vessel is “shrunk” to the appropriate
dimensions using a contraption which continues to defy laws of physics. Around
the same time, breakthrough from the nascent semiconductor industry inspired real
scientists and engineers to look for miniaturization techniques and create micro-
scopic objects potentially useful to human-kind. Such objects are now referred
to as bioMEMS. BioMEMS are microscopic electro-mechanical systems (MEMS)
applied to biomedical applications and life sciences. They are, for example, com-
plete miniature laboratories used by pharmaceutical companies for high through-
put screening for drug discovery. They are expected to hasten genomic research.
They could provide useful sensory feedback in modern surgical tools and will soon
embark on their own fantastic voyage inside the human body.

BioMEMS are historically enabled through discoveries and technological
advances in solid-state micro-electronics. Like their solid-state counterpart (inte-
grated circuitry, IC), MEMS and bioMEMS are miniaturized (sub-micrometer to
millimeter) systems, often produced using batch fabrication techniques. BioMEMS
are however closer to MEMS than pure ICs as their operating principles often relies
on moving, rotating or vibrating mechanical and fluidic components that allow phys-
ical functions to be performed in conjunction with electrical functions.

The creation and manipulation of miniaturized electromechanical systems has
an undeniable scientific and engineering appeal. It offers the possibility to exploit
favorably the scaling of laws that govern the operation of such systems and their
interaction with the environment, allowing the fabrication of system otherwise
useless or cumbersome at larger scale. BioMEMS also offer a venue to couple
mechanical, electrical, chemical and fluidic effects, inviting related academic and
industrial research to become multi-disciplinary and, for more than three decades,
fruitful commercial efforts. As a result, MEMS have become diffused throughout
many fields of engineering (RF, optical telecommunications, aerospace, automo-
bile) and first breached the limits of research laboratory in the 1970s, becoming
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commercially available as miniaturized low cost pressure sensors or inertial sen-
sors. BioMEMS are slowly reaching commercial maturity as well. Today, MEMS
and bioMEMS represent a multibillion dollar market: applications including micro-
fluidic elements already represent 30–40% of the total generated revenue.

This chapter offers a general introduction to bioMEMS. The first part underlines
the intrinsic attractiveness and raison d’être of BioMEMS, contrasting with the risks
and dangers associated with the use of such miniature systems for biomedical appli-
cations. The second part gives a closer look at bioMEMS though the lens of the
technologies available to BioMEMS engineers. Common bioMEMS materials and
associated micromachining techniques are presented. A third part focuses on a few
significant bioMEMS applications.

16.2 BioMEMS General Presentation

16.2.1 What Are They?

16.2.1.1 BioMEMS as Transducers

Like MEMS, BioMEMS can often be classified as transducers. They interact locally
with their environment, generally transforming an environmental physical input
(such as mechanical stress, pressure, temperature, etc.) into an electrical signal out-
put (frequency, voltage, etc.) and vice versa. The nature and the usefulness of the
interaction vary from sensing to actuating.

Whether a system is classified as a sensor or as an actuator, its attractiveness
is coupled with the perspective of packing all its components and functions into
minimally encumbering packages. It is not hard to envision that such sensing and
actuating capabilities can be harnessed to assist and enhance modern health care
practice in a variety of ways.

Figure 16.1a offers an artistic three-dimensional view of a bioMEMS used as a
sensor: a fully integrated multi-site pressure sensor for wireless arterial flow charac-
terization [1]. The pressure sensitive elements are machined using techniques such
as “bulk-micromachining” of silicon and hermetic bonding, notions that will be pre-
sented later in the chapter. The complete system is small enough to fit inside a 6 mm
diameter stent-like structure and could help in the early detection of restenosis (re-
occlusion of the artery) after a coronary stenting procedure.

Figure 16.1b is a scanning electron micrograph of a miniature heart-cell force
transducer [2]. This microscopic transducer offers an elegant way for biologists
to measure the contractility of isolated ventricular heart cells. The chip includes a
cell attachment site at the tip of two microscopic mechanical arms imbedded along
with doped silicon strain-gauges and on-chip integrated amplification circuitry. This
bioMEMS attempts to transcend a few of the shortcomings of traditional experimen-
tal methods, often limited, because of their macroscopic size, in their measurement
fidelity or ease in handling a single cell.
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(a)

(c) (d)

(b)

Fig. 16.1a–d Examples of BioMEMS sensors and actuators (© 2005 IEEE). a A fully integrated
multi-site pressure sensor for wireless arterial flow characterization [1]. b Miniature heart cell
force transducer [2]. c Separation of blood cells using a magnetophoretic micro-separator [6]. d
Implantable drug delivery device as depicted in [3]

Figure 16.1d is an example of a bioMEMS that can be considered as an actuator,
as it is designed to act on its environment as an implantable drug delivery system [3].
This actuator carries loads (tens of nanoliters) of substances like hormones or pain-
killers stored inside micromachined cavities. Each cavity is sealed using a thin-film
gold cap (thin hermetic membrane) electrically connected to an on-board integrated
circuitry and a battery (not represented). Applying a voltage to one or more gold
caps in the presence of an aqueous environment (e.g., a saline solution) triggers an
electrochemical reaction that results in the dissolution of the gold cap, freeing the
drug to diffuse out of the cavity.

16.2.1.2 BioMEMS as Building Blocks for Micro Fluidic Elements

BioMEMS do not necessarily have to perform as transducers: they are also used
with a class of useful devices that are exempt from performing electrical, mechan-
ical or chemical coupled functions. Coronary stents, arguably represent such a
class: stents are scaffold-like metallic elements, small enough to fit inside small
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arteries (e.g., arteries that surround the heart). The creation of stents and other useful
two- and three-dimensional micro-fluidic structures (e.g., micro-channels, micro-
reservoirs) can potentially benefit from materials and fabrication techniques avail-
able to BioMEMS engineers, unmatched by conventional techniques. Attempts
to duplicate stents [4] and create other complex structures (e.g., micro-needles
for painless drug delivery [5]) using micromachining abound in the bioMEMS
literature.

16.2.2 Why Building BioMEMS?

The fundamental reasons underlining current and future successes essentially
revolved around two intertwined concepts. The first one is that there are many
advantages to reduce the size of a system and exploit favorably the scaling of
laws and forces that govern its behavior and performances. The second one is more
pragmatic in nature: current fabrication technologies do allow the creation of such
structures.

16.2.2.1 Favorable Exploitation of Miniaturization

A direct and evident observation is that small systems are highly desirable, espe-
cially when considering one of the true pinnacles of future biomedical achieve-
ments: systems that can be implanted to perform tasks in-vivo, i.e. inside a human
being. Delivery and implantation of in vivo devices may be greatly simplified as
miniaturized systems may be delivered using simpler and safer medical interven-
tions such as benign localized surgical procedures, endovascular catheterization
or injection through large-gauge hypodermic needles. Once implanted, properly
shaped miniaturized devices have the potential to minimize local or systemic reac-
tion in host tissues.

More importantly, the miniaturization of a system is accompanied by the scaling
of the fundamental laws governing its behavior and performances. This represents
one of the major driving forces analogous to the ones that compel micro-electronic
engineers to reduce the size of a transistor: the smaller the transistor, the lesser power
is needed to actuate it and the faster it actuates. For electro-mechanical systems,
similar improvements are expected: reducing their size affects their ability to be set
in motion or to respond rapidly to a given stimulus or an environmental change [7,
8], etc.

The scaling of governing laws and forces can be related in many instances to
a change of surface-to-volume ratio. Let’s consider a simple object shaped as a
parallelepiped. As its typical dimensions (width, length, and thickness) are being
scaled down, its volume (cubic function of the typical dimensions) is, in proportion,
shrinking faster than the combined surface area (only quadratic function of the
typical dimensions) of its faces. Heat related phenomena are greatly influenced as
the dimensions of the system are shrinking: in the MEMS scale, cooling, mainly
a surface phenomenon, is much more effective than heating, a volume effect.
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The advantageous miniaturization of devices such as macroscopic di-
electrophoresis separators (DEP) offers a good example [9]. DEPs rely on
high electric fields to induce slow migration and separation of genetic materials in
a gel. In the MEMS scale, adverse heat effect associated with high electric fields
can be handled more efficiently. As a result, miniature DEP systems are able to
accommodate higher electrical field and hasten the separation phenomena.

Coupling multi-physics effects is another key feature although not exclusive, but
available to BioMEMS. Figure 16.1(c) is a top-view micrograph of a blood cells
micro-separator that uses a magnetic field to sort (white blood cells) from param-
agnetic (red blood cells) traveling inside a microscopic fluid passage-way [6]. The
picture is taken at the junction of three micro-fluidic channels branching off of the
main separation channel. The darker region indicates a zone with higher concen-
tration of red blood cells. This system exploits efficiently a characteristic of fluid
flow at small scale and couples it with interactions between cells and an external
magnetic field. In a microfluidic conduit, fluids tend to flow in a non-turbulent or
laminar fashion. Laminar flow is characterized by adjacent layers of fluid moving in
parallel at different speeds down the length of the fluidic channel. The lowest veloc-
ity is found along the vessel wall. Using an external field such as a magnetic field, it
is possible to exert attractive or repulsive forces to either red (paramagnetic) blood
cells or white (diamagnetic) blood cells and confine them in various regions of the
fluid flow. Different analyte moving at differential speed along a channel results in
their physical isolation, purification, and concentration or, in that case, separation.

The latter example helps making a transition to the next section: the feasibil-
ity of micro-systems. Field-assisted separators and low Reynolds-number channels
(prone to induce laminar flow) can be fabricated using conventional machining tech-
niques. However, using micromachining techniques, a separation channels can be
build along with a myriad of other sub-components, “meant to” ease the introduc-
tion and the movement of fluids (micro-valves, micro-pumps), enhance the precision
of the detection method, minimize the amount of reagents needed and, again, reduce
the analysis time.

16.2.2.2 Factual Possibility to Fabricate Such Small Systems

For BioMEMS to serve biomedical functions useful to mankind health, they shall
not remain a one-of-a-kind laboratory miniature curiosity. In their introduction to
biomedical engineering and materials [10], Enderle et al. notice that the discov-
ery of penicillin is merely as important as the implementation of mass production
methods of clinical grade material in quantities large enough to affect the delivery
of health care. BioMEMS holds great promises in that respect, as most bioMEMS
manufacturing techniques are directly inspired from large-scale production tech-
niques copied, derived or integrated with conventional large-scale low-cost batch
fabrication from the microelectronic industry.

Such fabrication techniques and facilities (clean-rooms) offer the possibility to
fabricate of tens, hundreds, thousands etc. of interconnected, individually address-
able systems with geometrical patterns down to the sub-micrometric range all at
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once. When the bouquet of “conventional” fabrication techniques does not suffice,
MEMS and bioMEMS engineer often develop additional techniques that then join
the general tool-box of so-called micromachining techniques.

In many instances, current microfabrication techniques are mature enough to sus-
tain many of the present needs for a multitude of biomedical and biological appli-
cations. Road maps applied to micro-electronics indicate that integrated circuits
with sub-components (transistors) displaying minimum features smaller than 50 nm
could be mass-produced by 2007. BioMEMS do not necessarily have to comprise
sub-components that small. Today, they can fulfil many of the needs of biomedi-
cal engineers and biologist. Cellular biology is a good example: most prokaryotic
cells have dimensions (diameter) ranging from 1 to 5 μm, eukaryotic cell are gen-
erally larger, typically of the order of 10 μm in diameter. Using current fabrica-
tion tools, complete functional micro-system can be (and are being) equipped with
sub-elements (e.g., microscopic needles, microscopic electrodes) of adequate shape
and size well adapted for probing and manipulating cells as well as intracellular
materials.

Miniaturized sensors and actuators are already being integrated with circuitry to
create “smarter” systems. BioMEMS and their associated wireless or wired I.C. are
designed to have frugal energy requirements, accentuating further their appeal for
in-vivo applications. Moreover, BioMEMS do not always need on-board sources of
energy. Energy coupling schemes based on electromagnetic and ultrasonic phenom-
ena are few of the many efficient ways to energize, actuate and interrogate devices
wirelessly. The tool-box of micromachining techniques allows much more: arrayed
system of individually addressable detection or reaction sites for fast parallel oper-
ations, hermetic packaging techniques allowing tasks to be performed in presence
of fluids or gases, etc. This list is not all-inclusive: many other positives points will
naturally emerge as materials and micromachining techniques are introduced more
in detail later in this chapter.

16.2.3 Risks and Drawback Associated to BioMEMS

In June 2004, Boston Scientific Corp. launched a massive recall of popular drug-
coated stents used to treat patients with heart condition, citing at least two patient
deaths [11]. Life and death implications of biomedical applications can impact
patient’s lives as well as justify or threaten the existence of companies who con-
tributed to the commercialization of a given application. For BioMEMS to impact
truly on modern healthcare, reliability is of utter importance. MEMS and BioMEMS
that comprise mechanical moving, vibrating, rotating parts such as membranes,
beams, plates, etc., are already being scrutinized for their susceptibility to wear,
fatigue, fracture or being destroyed due to shock, and vibration [12, 13].

The author of [14] exhorts bioMEMS engineers to pay close attention to reliabil-
ity evaluation, noticing that “reliability is often one of the last areas of consideration
for the developers of a new technology.” Whether there are intended for in vitro or
in vivo application, BioMEMS suffer from various specific ailments.
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16.2.3.1 In-Vitro BioMEMS Reliability

A variety of parasitic effects specific to BioMEMS relying on micro-fluidic ele-
ments (micro-channels, reaction chambers, etc. . .) can impede such systems from
outputting a correct diagnostic or from performing at all. Scaling laws are not
always favorable to miniaturized systems. Fluids forced in microscopic channels
and reservoirs flow in a non-turbulent (laminar) fashion. Mixing two fluids becomes
more problematic and relies mainly on diffusion. Improper mixing of sample fluids
and reagents can prevent the system from outputting the correct response. Clog-
ging and bubble trapping are two other parasitic effects that can yield to critical
failure. Purging the system can prove to be either deleterious or simply impracti-
cal. Also, because miniaturized in vitro diagnostic systems rely on smaller quanti-
ties of reagents, false positive or false negative diagnostic can arise from pipetting
errors, carryover (fluid contacting surfaces reused from test to test) and cross-
contamination [14].

16.2.3.2 In-Vivo Reliability

The prospect of implanting BioMEMS is accompanied by even more stringent reli-
ability requirements. The device and the function it serves must not cause any
short or long term damage for the human host. The microdevice must not be
a source of chemical contamination (e.g., out-gassing, corrosion), susceptible to
release mechanical debris, etc. Microdevices must survive the implantation proce-
dure (e.g., delivery through an endovascular catheter) and survive the host biological
system natural response. Once implanted, micro-devices cannot always be replaced.
Consequently, implanted micro-devices must operate according to specification for
variable length of time and demonstrate no or an acceptable level of drift.

The importance of reliability is not only restrained to biomedical applications, as
MEMS are becoming more diffused throughout other industrial fields of application
that involve the safety of the end-user. There is a high degree of confidence that
MEMS and bioMEMS devices can meet these requirements, as other MEMS (e.g.,
inertial sensors) based on the similar materials, manufacturing processes and oper-
ating principles have proven to be exceedingly robust in the automotive, military
and aerospace industries [15].

16.3 BioMEMS Design, Materials and Fabrication

16.3.1 BioMEMS Design

MEMS and BioMEMS engineering is multidisciplinary in nature. As has been
seen in earlier examples, microsystems operation often involves coupled-field phe-
nomena. A valid design effort requires a strong understanding of the underly-
ing multi-physics that rules the operation of the microdevice. Many problems are
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simple enough to be modeled first by hand, using simple mechanical, electro-
static, magnetic, thermal, and fluidic models, etc. When analytical models cannot be
refined further, powerful numerical tools can bring more elaborate answers. Modern
coupled-field finite element analysis (FEA) software packages treat most realms of
coupled field phenomena applicable to bioMEMS modeling. Accounting for para-
sitic effects (e.g., residual stress in thin films) can however represent a substantial
modeling challenge as such unexpected effects are sometimes larger that the pri-
mary design. Moreover, selecting a material with relevant physical properties and
identifying the correct fabrication approach can have as much of an impact on the
feasibility and the performances of a useful micro-device as refining a design or
selecting a mode of operation: there are often more than more way to deposit a
given material and, as a result, its properties can vary dramatically.

Considering all aforementioned reasons, modeling and design of MEMS and
bioMEMS alone emerges as a subject of great complexity. Fortunately, it is not one
of insurmountable difficulties: it is often best tackled by adopting a research and
development method that synchronizes conceptualization and design efforts with
direct reduction to practice and actual fabrication of prototypes of incremental com-
plexity. Therefore, knowing how to design bioMEMS is equally as important as
knowing how to built them. The reader can elect to discover more of the intricacies
of bioMEMS modeling by selecting the relevant dedicated literature [16–18]. The
following pages discuss MEMS and bioMEMS from the material and fabrication
point of view.

16.3.2 BioMEMS: Importance of Materials and Materials
Characterization

On the bioMEMS scale, properties of thin films and micro-machined materials often
differ from mechanical properties of their bulk counterpart [19]. Figure 16.2 repre-
sents a stress-strain curve for pure nickel and electroplated Ni as found in [20]. The
results for electroplated Ni using a generic MEMS fabrication sequence known as
LIGA differ from results obtained and reported for other types of pure Ni. Sharpe
et al. concludes that “LIGA nickel is stronger that bulk material.”

Besides the fact that bulk material properties do not always transfer to material
machined or deposited using MEMS technologies, there are other imperative rea-
sons why engineers ought to refine their knowledge about materials and fabrication
techniques made available for bioMEMS: repeatability and reliability imperatives to
yield thin film with reproducible characteristics (residual stress, density, electrical
properties, mechanical properties, etc.), enhancement of particular physical traits
through the understanding of the underlying physical mechanisms during deposi-
tion, etch, etc., and development of either “new” materials or “new” machining
techniques to produce such materials. When no specific information is available,
useful data can be extrapolated with adequate level of circumspection from values
gathered from bulk materials using macro-scale specimen.
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Electroplated Ni-Fe 
(MEMS applications)

“Bulk” Ni-Fe

Fig. 16.2 Stress-strain curves for Pure Nickel (© 2005 IEEE) [20] present the results for Ni
electroplated using a generic MEMS fabrication sequence known as LIGA (explained in the chap-
ter). Results presented in [20] are in solid lines, whereas the dashed lines represent other results
reported for other types of polycrystalline pure Ni of different grain sizes. Sharpe et al. conclude
that “LIGA nickel is stronger that bulk material”

Investigating mechanical properties at relevant MEMS scales is not always an
easy task. Specimen are often either two small and two fragile to be handled, gripped
or stamped even with the smallest available strain gages: direct methods of extrac-
tion such as stress-strain measurements are rarely applicable. Instead, properties
can be extracted using indirect methods, often requiring building dedicated MEMS
structures when mechanical behavior under local stimuli is recorded and analyzed
[18].

The authors of [21] offer one example, among many ways, to investigate mate-
rial properties on the MEMS scale. The authors use a set of MEMS test structures
to characterize 0.7 μm thick, 34 μm long and 1–5 μm wide polysilicon suspended
beams. Mechanical forces are locally applied to the microscopic specimen using
a well known electrical-to-mechanical force transduction scheme: an electrostatic
comb-drive micro-actuator. An electrostatic comb-drive actuator is composed of two
electrically conductive electrodes facing one another. The recurring pattern is char-
acteristic of two overlapping comb-like structures: one electrically conductive finger
that belongs to the first comb-like electrode is flanked with two similar fingers that
belong to the vis-à-vis electrode. An air gap separates (and electrically insulates)
the first finger from the two adjacent ones. Local electrostatic forces appear when
an electrical potential difference is created (applied) between opposite fingers.

In that case, the global attractive force between two complete sets of fingers (i.e.
a comb-like electrode) is the sum of individual forces acting on each set of opposite
fingers. In [21], one electrode is suspended above the substrate. Its only mechan-
ical (and electrical) anchoring point is assumed by the small polysilicon beam to
be tested. When a voltage difference is applied, forces acting on the electrodes
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directly force the specimen to bend in a manner that is proportional to its geometry,
the square of the potential difference between the two electrodes and, more impor-
tantly, the Young’s modulus of its composing material. By monitoring the voltage
applied to the electrostatic comb-drive electrodes and by measuring the physical dis-
placement on one electrode compare to the other, the authors of [21] could extract
both Young’s modulus and, when fracturing was achieved, fracture strength of
polysilicon.

Specialized literature [18] lists intrinsic properties of some materials applied to
MEMS. The reader can also refer to [18] for a complete review of extraction meth-
ods available to MEMS and bioMEMS material scientists.

16.3.3 Material for BioMEMS

16.3.3.1 Silicon

Si is arguably the single best documented material for large scale industrial and
research applications in microelectronics related fields.

Its appeal is first attributed to its performances as a semiconductor, its ability
to grow a high quality oxide layer (SiO2) under relevant processing condition, as
well as its availability in large volumes of ultra-pure mono-crystalline defect free
quality. Single crystal silicon (SCS) is grown from highly purified melt using vari-
ous methods (Czochralski, Float Zone) producing boules (pear-shaped masses with
the atomic structure of a single crystal) subsequently sectioned and polished to cre-
ate wafers with known crystallographic orientation and virtually devoid of structural
defects, point defects or disruptive forms of dislocation, and exhibiting low amounts
of chemical impurities (C, O and heavy metals). As a beneficial result, SCS exhibit
outstanding mechanical properties as well as a natural predisposition to be physi-
cally machined with high precision in reproducible controlled fashion. These two
particular traits give SCS an undeniable appeal for MEMS and bioMEMS.

Because SCS is virtually devoid of structural defects, occurrence of fatigue
induced cracks and dramatic mechanical failure is greatly minimized. As long as
geometrical and/or surface defect occasioned during processing can be minimized
[22], SCS is especially suited for the fabrication of sensitive mechanical structures
such as high frequency MEMS resonators.

SCS micromachining techniques, anisotropic and isotropic etching, allow for the
creation of in-plane grooves and vertical through-holes, essential to the fabrication
of micro-fluidic networks of in-plane micro-channels, micro-reservoirs, etc.

Silicon can be porosified very effectively using a variety of micromachining
techniques. Many aspects of its final porosity are controllable: spore size (from
micrometer, to nanometer to angstroms), density, geometrical orientation, depth,
etc. Changes of physical properties (electrical conductivity, electroluminescence or
refractive index) upon exposure to fluid or gaseous substances can be monitored
and harnessed to a variety of chemical and biological sensing schemes [23]. Porous
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silicon is also investigated for its bioactivity, its ability to bond to bones or provide
scaffold-like networks for tissue engineering [24, 25].

Si allows direct monolithic integration (on the same die) with relevant CMOS
circuitry (e.g., signal conditioning circuitry). Doped Si also exhibits piezoelectric
properties that have been exploited since the early 1980s for the creation of com-
mercial pressure sensitive sensors applied to biomedical applications (e.g., General
Electric/NovaSensor pressure sensors).

When Si is not grown from a melt, it can be deposited using chemical vapor depo-
sition (CVD) methods. Depending on the condition (pressure, temperature, deposi-
tion rate, nature of the substrate), CVD Si can be either mono-crystalline (epitaxial
growth) or polycrystalline films. For example, polysilicon is used in the commer-
cially available Analog Devices acceleration sensor [15].

16.3.3.2 Metals

A variety of physical vapor deposition (PVD) systems is available for depositing thin
film metals relevant for MEMS fabrication. Systems like electron beam evaporators
or plasma assisted sputtering systems yield film thickness ranging typically from a
few tens of Angstroms to fractions of a micrometer in thickness. Single metal films
or multilayered films can be obtained. The nature of the film, the topology of the
substrate as well as the nature of the underlying layers or the requirements of the
subsequent processing steps dictate the method of deposition.

Thin metal films enter the bioMEMS fabrication flow at various crucial moments.
Ti or Cr are commonly employed to promote adhesion between underlying layers
with the new layers or structures being subsequently built atop. Cu, Au and Al are
commonly used as electrical conductors. When adequately patterned, such films
can be used to produce conducting lines, electrodes, etc. Thin films can be used as
a conductive base for metal electro-deposition (Cu), for their magnetic properties
(e.g., Ni-Fe), as a metallic diffusion barrier (Ta, Ti, Ti-W), for interconnecting or
bonding properties (Au), as a hard mask for subsequent patterning of underlying
material, etc. Their electrochemical properties are exploited: Pt, Ag/Ag-Cl, Ir oxide
thin films are used as working, reference and counter electrodes in glucose monitor-
ing sensors [26]. Their hydrophilic or hydrophobic properties can also be used for
biology applications. Au is often used to provide a site for antibodies or single DNA
strands to be immobilized. The authors of [27] use two dimensional arrays of Cr/Au
pads to immobilize and study drosophila embryos.

Plating with an adherent coating using electrolysis (also referred to as electro-
plating or electro-deposition) is a technique complementary to thin film deposition
as it often requires first the presence of a PVD thin film metal as a base metallic
layer. The PVD thin film is often referred to as the “seed layer” and provides at the
surface of the substrate where the deposit is to be grown the necessary electric path
to allow the electrochemical reactions to be carried out. The seed layer also provides
a surface where the metal to be grown can nucleate, adhere and grow. One major
appeal resides in the range of achievable deposit thickness yielding the fabrication
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of electroplated structures protruding tens to hundreds of micrometers above the
surface of the supporting substrate.

Cu, Au, Ni, Ni-Fe and platinum metals (Pt, Rh, Pd etc.) are a few of the numer-
ous materials commonly plated in a very large number of applications for their
electrical, magnetic or mechanical properties [28]. Plated metals may be accompa-
nied with various levels of in-plane and out-of-plane stress. Stress can be controlled
through varying the deposition rate (current density), the temperature, the agitation,
the chemistry of the bath, etc. The size of the plating cell can also influence the
reproducibility of the deposit characteristics.

Electroless deposition offers a useful alternative. Electroless plating does not nec-
essarily require the presence of an underlying seed layer: this growth technique is
especially useful when the complete fabrication flow cannot accommodate the pres-
ence of a continuous electrical path at the surface of the substrate where the metal
is to be grown. In that fashion, adherent metal coating can grow on non-conducting
surfaces such as polymers. It tends to produce conformal coatings, uniform uninter-
rupted films on convex and concave surface directly in contact with the electrolyte.
Electroless plating was used for example for the fabrication of complex and useful
three-dimensional structures such as micro-needles [5], otherwise nearly impossible
to build.

Ti is often used in conventional biomedical application (e.g., for hip replace-
ments) as it fulfils basic functions such as biocompatibility, bioactivity (Ti and Ti
alloys have the ability to osseo-integrate), resistance to environmental degradation
(corrosion) and/or high resistance to abrasion. Ti brazing is a very useful “conven-
tional” encapsulation technology for pacemaker leads. Unfortunately, Ti is some-
how missing from the arsenal of MEMS materials with the exception of PVD thin
films: no truly MEMS-friendly machining technique allows us to deposit and accu-
rately pattern large amounts (tens to hundred of micrometers) of Ti. The authors of
[29] are attempting to do so, using electrophoresis to deposit thick layers of titanium
oxide for MEMS application.

16.3.3.3 Ceramics for MEMS Microfabrication

Many of the common ceramics used in conventional biomedical applications are
also available for MEMS and BioMEMS. Conventional approaches such as green
body pre-shaping, sintering and final machining (e.g., for heart valve replacement)
are not always suitable when considering the fabrication of miniaturized objects.
As a result, most metal oxides (alumina, sapphire) and silica were made available
in films, tapes or wafer shapes and are being used extensively for many MEMS,
BioMEMS applications.

Opaque (optically not transparent) “green tapes” (unfired ceramic tapes) are very
useful for the creation of multilayered monolithic package that include essential sub-
elements such as micro-channels, passive and active electronics components [30].
They are available in various thicknesses and can be machined using laser ablative
techniques prior to final assembly.
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Optically transparent ceramic wafers (borosilicate glass AF45, fused silica,
Pyrex) are particularly attractive for in vitro applications. They can yield self pack-
aged hermetic devices when wafer-to-wafer or anodic bonding methods are appli-
cable. Transparent glass wafers packaging offer a natural optical window for optical
detection to be performed.

Ceramics can also be deposited in thin films (typically less than few microme-
ters) using CVD, PVD, sol-gel solutions or atomic layer deposition (ADL) methods.
PZT (lead zinc titania) and ZnO (zinc oxide) hold a special place for they exhibit
strong piezoelectric properties, useful in a myriad of sensing and actuation schemes
[31, 32]. Silicon carbide, used in conventional medical application to produce
wear resistant coatings was made available to provide similar services for MEMS
structures [33].

16.3.3.4 Polymers

Polymers are low cost and relatively simple materials to handle and process. An
extended family of polymers, photosensitive or not, either spin-coated, spray coated,
electroplated, deposited using CVD systems are available for MEMS micromachin-
ing. The majority of polymers are available in liquid form. Some are available in dry
films for dry lamination [34]. Photosensitive polymers (photoresist, or PR) represent
the single most useful class of polymers as they are a necessary element for pho-
tolithography. SU-8 photosensitive epoxy or PMMA (poly(methyl methacrylate))
can be processed to create high aspect ratio complex three dimensional structures
(e.g., vertical filters with micro-range opening [35]).

Polymers like parylene [1] or silicone (for implantable applications) can
be used as passivation layer or to encapsulate a micro-device. Polymer like
poly(dimethylsiloxane) (PDMS) can be used in embossing and molding techniques
for inexpensive fabrication and replication of useful passive micro-fluidic elements
(channels).

Once patterned, polymer mechanical properties are reliable enough to be used for
the creation of mechanical sub-elements such as a deflecting membrane for a micro-
pumps or micro-valves. Changes in their properties (shape, volume, etc.) depending
on environmental changes can be also harnessed to useful actuating and sensing
functions. For example, some hydrogels swell as the pH of a surrounding solution
is changed. The authors of [36] demonstrate the possibility to pattern hydrogels on
top of compliant micro-cantilevers: as the pH of the solution in which the cantilever
beam is submerged changes, so does the volume of the hydrogel, forcing the can-
tilever beam to bend. Using the proper transduction scheme (e.g., piezo-resistive
effects), the deflection of the beam can be measured and proportionally related to a
change of pH.

Other polymers are used for their biodegradable properties: [37] uses PCL (poly-
caprolactone), PGA (polyglycolide), PLA (poly lactide-co-glycolide) and PLLA
(poly-L-lactide) to fabricate biodegradable microneedles for percutaneous drug
release systems.
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Polymers can be used for their semiconducting properties to create biosensors
which can sense specific environmental chemical species as they are being absorbed
in the polymer [38].

16.3.3.5 Biomaterials and Nanomaterials

DNA, biomolecules, proteins and even living cells can be harnessed to perform
useful tasks for bioMEMS and microelectronics applications. Their use and appli-
cations are discussed at the end of the section dedicated to bioMEMS fabrication
techniques.

16.3.4 Biocompatibility of MEMS Materials

Biocompatibility evaluation of MEMS materials of construction for implantable
medical devices is crucial to the development of useful devices, especially when
commercialization is at stake.

Kotzar et al. [39] notice that “data on the biocompatibility and sterilizability
of MEMS materials, however, are surprisingly limited and data from currently
accepted standard tests are almost non-existent”. This paper is among the first
to report systematic results of MEMS materials biocompatibility and response to
sterilization. The methodology uses an internationally recognized test matrix (ISO
10993) to evaluation a small sub-set of useful bioMEMS materials, including Si,
SiO3, Si3N4, SiC, polysilicon, thin film Ti and SU-8. Samples are subjected to
aqueous and non-aqueous extraction and cyto-toxicity tests. They are examined
(using scanning electron microscopy) to detect possible deleterious effects occur-
ring during sterilization procedures (autoclave or gamma irradiation). Samples are
implanted in rabbits and tissue response is observed on excised muscle tissues after
1–12 weeks, using conventional microscopy to look at sign of inflammation, pres-
ence of gross necrosis, fibrosis, etc. The conclusions show that, when processed
using typical MEMS techniques, no indications of problems were uncovered. Their
tests, however, are partially complete as (1) they consist of only the cytotoxicity
and short term implantation tests and (2) material biocompatibility can be poten-
tially affected by a complete sequence of processing steps needed for the fabri-
cation of a complete functional bioMEMS, including exposure to solvents, dry and
wet etching, etc. that could, for example, affect the surface chemistry and solicit dif-
ferent tissue response. Surface modification, either deliberate or occasioned during
the various steps of a complete fabrication sequence (wet chemical etching, cross-
linking, cleaning, etc.), can have considerable effects on the biocompatibility or the
bioactivity of materials.

16.3.5 BioMEMS Fabrication Techniques

A complete fabrication process involves some form of pattern transfer technique
used in conjunction with sequences of deposition, annealing, curing, removal,
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etching, etc. of materials. Such operations are usually performed at the surface of
a medium, offering most of the time a flat polished clean surface to work on (e.g.,
Si wafer, fused silica wafer, printed wire board, etc.) and are repeated several times
to create, layer after layer a structure with the desired geometrical, electrical and
mechanical traits.

The following sections describe fabrication tools and techniques used for
BioMEMS micromachining: such techniques are not limited to BioMEMS as they
are common to many MEMS applications as well.

16.3.5.1 Photolithography

Photolithography is an essential processing step that enters the fabrication of most
bioMEMS.

Electron-beam writing, screen-printing or photolithography are examples of
techniques developed to transfer a pattern (a geometric shape) from a mask (gen-
erally re-usable) to the surface of a medium. Photolithography using ultra violet
light source (UV with a wavelength ranging from 193 to 465 nm) in particular is
responsible for today’s MEMS and IC industrial successes, allowing the transfer of
tens, hundreds, thousands, etc. of geometrical patterns down to the sub-micrometric
range, all at once.

UV photolithography images patterns in a layer of photosensitive polymer. Pho-
tosensitive polymers (often called photo-resists or PR) are usually available in liquid
form (such polymers are also available in dry films). Photolithography is mainly a
binary pattern transfer: after developing, regions of the PR layer are either com-
pletely washed away from the surface of the substrate while others remain until
they are not needed any more.

A complete photolithography sequence represented in Fig. 16.3 proceeds as fol-
low: (1) the surface of the substrate is prepared (e.g., cleaning, use of chemical pro-
moting adhesion of subsequent layers deposited atop), (2) a PR coating is applied
(e.g., spin casting), and pre-baked (also called soft bake), (3) the patterns on the
mask are aligned to any pre-exiting patterns on the substrate, (4) the PR is exposed
to UV, (5) the PR is developed, and hard baked. Useful processing is performed (6),
using the PR as a masking film. The PR is eventually stripped and the substrate is
cleaned (7).

The film thickness, the topography and nature of the substrate, the underlying
chemistry of the PR, the position of the mask relative to the substrate, the wave-
length of the light source, etc., each have an influence over the in-plane and out-of-
plane achievable spatial resolution. UV photolithography offers strict limits in term
of achievable in plane minimum feature size (often referred to as critical dimension,
or CR), namely around 100 nm. Such CR is achieved in IC applications using ultra-
thin PR layers. BioMEMS applications do not systematically ask for such perfor-
mances. Instead, bioMEMS engineers have access to techniques and materials that
enable the creation of structures that protrude tens, hundreds, thousands of microm-
eters above the surface of the substrate. This is often motivated by the fact that
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Fig. 16.3 Complete photolithography sequence inspired from the fabrication of a complete C-
MOS transistor (first sequence preparing the fabrication of n-wells); (1) the surface (SiO2) of the
substrate is prepared for (2) a PR coating to be applied and pre-baked. (3) Patterns on a photolitho-
graphic reusable mask are aligned to the substrate, (4) the PR is exposed to UV light that is not
blocked by opaque regions on the photolithographic mask, (5) the PR is developed, and hard baked.
(6) The SiO2 layer is selectively etched using a solution containing hydrofluoric acid (e.g. “BOE”,
i.e. Buffered Oxide Etch). (7) The PR is eventually stripped and the substrate is prepared for the
next processing steps (cleaned, etc.)

tall extruded structures helps in optimizing the use of on-chip real-estate as well as
taking full advantage of certain effects of scaling laws.

Several UV PR, such sensitive photosensitive epoxy SU-8TM or the family of
FuturrexTM NR resists, allow the fabrication of such structures. Key features are the
total height, the vertically of the side walls (e.g., near vertical using SU-8) and the
geometrical aspect ratios of the structures, often expressed as the ratio of the width
of a particular feature (e.g., a free standing wall, a trench, etc.) over its height.

Photolithography processes do not always involve ultra-violet light sources. X-
ray photolithography uses the X-ray radiation from a synchrotron. PMMA is then
a choice polymer. It can be spun and patterned in layers much thicker than UV-
sensitive photoresist as X-ray can penetrate thicker layers with less diffraction,
yielding structures with very high aspect ratio.

16.3.5.2 Bulk Micro-Machining

Bulk micromachining represents a family of micro-fabrication techniques that use
the substrate to etch out structures useful to MEMS and bioMEMS applications.
The substrate provides both a mechanical base onto which the complete process
is to be performed as well as the primary building material eventually composing
the MEMS structures. Etching methods involve either wet or dry processes. Si is a
choice material for bulk micro-machining. Wet and dry bulk micromachining is not
limited to Si. However, Si bulk micromachining is extremely well characterized and
controlled and will be introduced first.
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Wet Bulk Micromachining

Wet etching of SCS using an aqueous solution of KOH is a very simple and reliable
technique to create structures with predictable geometry. Etching based on KOH is
considered to be anisotropic, as the profile of the etched cavity follows certain crys-
tallographic planes. Therefore, the resulting trench side wall verticality, aspect ratio
and total depth are functions of the crystallographic orientation of the SCS wafer,
the concentration and temperature of the KOH solution. Grooves etched in (100)
silicon wafers have 54.9◦ angles whereas grooves etched in (110) silicon wafer have
vertical side wall. Grooves resulting from KOH etching can be tailored to have the
shape of channels, reservoirs or needle like structures, as seen Fig.16.4b. A longer
etch can yield through-holes (through the thickness of the wafer) openings. When
combined with the appropriate mask and complete process, KOH etching can yield
the fabrication of free standing structures only attached to the rest of the substrate
by small beams.

KOH etching requires the presence of a “hard” mask at the surface of the SCS
wafer. The material performing as a hard mask must fulfil at least two requirements.
In the presence of a KOH solution, the masking material must not degrade (etch) as
fast as Si does. This choice material must also accommodate other forms of etching

(b)(a)

Fig. 16.4 Fabrication of arrayed 3-D microstructures by chemical anisotropic etching as described
in [40] (© 2005 IEEE). The pyramidal formations can be explained with a single model of
the undercutting phenomena during the anisotropic wet etching. The etching proceeds as follow.
Grooves with (110) planes side-walls are cut into a single crystal Si wafer using a high precision
diamond saw. The anisotropic KOH etch begins, (110) planes etch at fast rate, until (111) planes
start to expand. As the etch progresses, (311) planes appear, at the intersection of two (111), (311)
planes have a superior local etching rate, (311) plane size increases and finally connects to other
peripheral plans of similar crystallographic orientation. Etching is stopped when the final sought-
after structures emerge
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compatible with the use of photolithography photoresist. High quality silicon nitride
grown in a low pressure chemical vapor deposition (LPCVD) chamber is a good
choice. An example of a KOH etch sequence can proceed as follow: (1) a <100>
SCS wafer is prepared (cleaned) and coated (front and back) with 5000 Å of Si2N3,
(2) the front side of the wafer is coated with a PR layer that is subsequently patterned
using photolithography, (3) the Si2N3 layer is etched through the openings created
in the PR layer, (4) the PR is stripped and the wafer is placed in a KOH solution,
and (5) the wafer is removed from the KOH solution when the trench has reached
the desired depth. More complex etching sequences rely on differential etch rates
between various crystallographic orientation of SCS wafers. The authors of [38]
offer a step-by-step description of a single KOH etching sequence, as it progres-
sively etches along various dense planes of a Si wafers and results in the creation of
needle-like structures (Fig. 16.4a).

Many additional fabrication techniques pair up with KOH to enhance the control-
lability of the etch: etch stop barrier using ion-implanted boron doped region of SCS
wafers, laser assisted etch, etc. TMAH (tetramethyl ammonium hydroxide-water) is
an attractive alternative to KOH.

Isotropic etching techniques for Si exist as well: such techniques can involve acid
solutions (e.g., HNO3-HF), require different sets of hard masks (e.g., SiO2 thermal
oxide) and result in etch profiles that have rounded semi-circular concave edge pro-
files. Silicon-dioxide based substrates such as fused silica, Pyrex or borosilicate
wafer, are very useful for bioMEMS applications, and have associated techniques
(etchant: HF, hard mask: metallic thin film) that also allow the creation of cavities,
grooves, channels, etc.

Dry Bulk Micromachining

Dry bulk micromachining techniques usually require more complex apparatus,
involving “dry” ablative, reactive or sputtering processes (e.g., laser ablation) to
remove material at specific locations on the substrate. Plasma assisted dry etching
is one method that has reached a very high level of maturity when used to machine
silicon in particular. The directionality (anisotropy), etch rate, selectivity, maximum
achievable depth, range of achievable trench aspect ratio, etc. are all related to the
etching condition (pressure, power, gas) encountered inside the plasma etching sys-
tem. Particular methods referred to as deep reactive ion etching (DRIE) involving
high density plasma allow the etching of extremely vertical trenches and walls in Si.
Figure 16.5 is a scanning electron micrograph of a micro-fluidic valve built using
a combination of anisotropic and isotropic dry etching techniques [41]. The fluidic
channels are etched in the top layer of a SOI (silicon on insulator) wafer.

Plasma assisted etching also requires the presence of a hard mask. Thick PR or
thermal SiO2 can be used as hard masks.

Plasma enhanced dry etching techniques are also available for quartz, fused silica
and polymers. Laser ablation and cutting is yet another attractive dry bulk micro-
machining technique for polymeric, ceramic and metallic substrates. Laser ablation
using either UV (Yag), CO2 or infra-red lasers is a serial processes as one laser beam
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Fig. 16.5 “Hole-in-the-wall” micro gate valve, as depicted in [41] (© 2005 IEEE). The fluidic
channels are etched in the top layer of an SOI (silicon on insulator) wafer. The complete fabrication
involves both directional as well as isotropic dry etching techniques

cuts one pattern at the time before stepping to the next one. However, powerful well-
collimated lasers assisted with computer controlled high precision X-Y-Z tables can
accommodate high throughput and high accuracy requirements.

16.3.5.3 Surface Micro-Machining

Surface micromachining represent an ensemble of techniques that use the substrate
mainly as a mechanical support to build useful structures after successive deposition
and etching of thin film materials.

Thin Films for Surface Micromachining

A wide range of materials, deposition and etching techniques are available, as
reviewed in the chapter dedicated to materials. Only relatively thin layers of mate-
rials can be processed using thin film evaporation or sputtering method. Thicker
deposits can be achieved using micro-molding and electroplating for example.

Wet and Dry Etching

Once a film is deposited at the surface of the wafer, it can subsequently be pat-
terned using a variety of wet and dry etching methods. Adapted hard masks are
required. For example, metals and dielectrics can be wet and dry etched directly
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through photo resists masks or using another metallic mask. Polymers are routinely
dry etched in O2 plasma using metal (Al, Cu) as hard mask. When looking for the
most appropriate wet or dry etching method, selectivity is a key feature to consider.
A generic methods known as “sacrificial layer” technique relies on selective etching
to create intricate and though-after structures, such as suspended beams or hollow
channels, otherwise impossible to fabricate. A sacrificial layer is a structural layer
that remains buried throughout the fabrication process under various layers of mate-
rial until it can be removed, releasing the structures and layers built atop.

Sacrificial layers abide by at least two rules: (1) they must remain unaffected (no
cracking, peeling, wrinkling, etc.) during the entirety of the process until it must
be removed and (2) selective and efficient removal techniques must exist to remove
them without adverse consequences to any remaining structures.

An example of a process involving a photoresist (PR) sacrificial layer as seen
in [42] is depicted in Fig. 16.6a. The process depicted here starts as the substrate
has already been subjected to previous micromachining steps (not shown). Cavities
are etched from the back side of the wafer, resulting in the regions of the wafer
where only a thin membrane of silicon is remaining (Fig. 16.6a(1)). Side-by-side
metallic structures are fabricated using a fabrication sequence (not shown) involv-
ing a seed-layer, the creation of a PR mold, the electroplating of Ni inside the mold
and the dissolution of both PR and seed layer (this sequence will be referred to
as micromolding and electroplating). The result is shown Fig. 16.6a(2). The wafer
is then coated with a thick layer of a PR that is patterned using photolithography

500 um

(b)

(c)

(a)

Fig. 16.6 Array on hollow micropipettes fabrication process as found in [42] (© 2005 IEEE).
This process relies on a sacrificial layer of thick photoresist and a sacrificial membrane to create
hollow cantilever-like structures used in transferring, dispensing or manipulating precise volumes
of samples, reagents and buffers
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(Fig. 16.6a(3)). The remaining PR patterns, aligned atop the flat metallic struc-
tures, will serve as sacrificial structures. The sacrificial PR patterns are hard baked
and another complete micromolding and electroplating sequence is performed on
top (not shown). This sequence yields the creation of an electroplated Ni structure
around the PR sacrificial patterns. The result is shown in Fig. 16.6a(4). The wafer
is then soaked overnight in acetone to dissolve completely the PR sacrificial layer
(Fig. 16.6a(5)). The process is finally complete when, after a final etching step, the
Si membrane is selectively etched under the hollow nickel structures. Figure 16.6b
is an artistic representation of the resulting suspended hollow micro-pipettes. Figure
16.6c is a scanning electron micrograph of the completed structures.

More than one sacrificial layer can be implemented during the same complete
fabrication process, allowing the creation of complex multilayered structures such as
multilayered networks of micro-fluidic channels [43]. Sacrificial layers are generally
either metals or PR. Other materials such as Al and Cu are often used as a sacrificial
layer in presence of polysilicon, electroplated Ni or Au structures.

16.3.5.4 Embosssing, Injection Molding Techniques

Injection molding and hot embossing are techniques that yield the replication of
three dimensional structures first created using either surface or bulk micromachin-
ing. These techniques are very appealing as they can yield low cost duplication of a
large variety of in-plane micro-fluidic systems.

Injection molding uses polymer in a liquid form. The polymer can be a thermo-
plastic heated above its glass transition temperature. Once the polymer has cooled
down or cross-linked, the structure is demolded. This technique allow the replication
of high aspect ratio structures such as thin wall or trenches (e.g., few micrometers
wide, few tens of micrometers tall).

Hot embossing uses a layer of thermoplastic polymer deposited at the surface of a
supporting substrate. The polymer is brought to the proper temperature so that it can
be imprinted. The master key carrying the structures to be replicated is then pressed
into the polymer layer, forcing the later to deform. Amorphous and semicrystalline
polymers are used in conjunction with hot embossing.

16.3.5.5 Stereophotolithography

Stereo-photolithography uses a computer controlled UV light exposure system to
solidify a liquid resin and directly create complex three dimensional structures
without the use of any intermediate masking, deposition/etching or conventional
photolithography step. Structures are first designed using CAD tools and subse-
quently built slice by slice in a liquid resin tank. Centimeter size structures with
sub-millimeter in-plane and out-of-plane critical dimensions (>5–10 μm) can be
fabricated.

Stereo-photolithography allows the fabrication of complex structures otherwise
cumbersome and/or impossible to fabricate using either bulk or surface micro-
machining. Structures built using stereophotolithography accommodate reentrant
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concave surfaces and semi-enclosed cavities, as long as a path remains for any
unprocessed liquid resin to be drained.

Stereo-photolithography is very attractive for inexpensive low resolution
microfluidic structures.

16.3.5.6 Bonding, Hermetic Sealing and Packaging

Bonding techniques are crucial to the fabrication and the operation of hermetic
bioMEMS as they often offer a simple way to fabricating fully enclosed fluidic
networks.

Direct bonding (fusion bonding) is routinely used to bond Si to Si. This process
creates a temporary bond between two highly polished ultra clean surfaces brought
in contact. The bond is subsequently annealed at elevated temperature (e.g., for Si-
Si bond 1200) to reach maximum strength. Wafers including corresponding patterns
can be aligned before bonding with very high accuracy (less than few microns).
More than two wafers can be stacked, allowing the fabrication of extremely complex
structures. Anodic bonding offers a low temperature (400 ◦C) alternative, requiring
instead the presence of a high electric field and a mechanical force to press and
bond two wafers together. This technique is well adapted to bonding glass to sil-
icon wafers. The bonding mechanisms require that impurities are present in the
glass (such as Pyrex or borosilicate) and that both coefficients of thermal expan-
sion match. Ceramic to ceramic bonding relies on green tape materials that can be
bonded, sintered and co-fired together under constant mechanical pressure. Each
layer can be effectively patterned individually (using, for example, laser ablation)
and eventually stacked together [30]. Bonding can also be applied to metals (e.g.,
Au), in compression bonding and eutectic bonding.

16.3.5.7 From Top-Down to Bottom-Up

All aforementioned micromachining techniques are sometime referred to as “top-
down” manufacturing techniques. The underlying methodology is to fabricate suc-
cessive generations of ever-smaller systems, from macroscopic down to nanoscopic
scale. In contrast, “bottom-up” methods represent an ensemble of techniques to form
devices by shaping parts or the entirety of the system atom by atom or molecule by
molecule [44].

For example, the affinity of single strands of DNA molecules to assemble with
their complementary strands can be exploited to synthesize complex scaffolds. Sin-
gle strands of DNA attached to micro-particles like gold particles or polystyrene
beads will self-assemble under relevant conditions. The linkage between the DNA
stands is weak and can be broken by changes in pH or shear forces. Stronger bond
strength can be achieved using other affine bio-molecules such as biotin and strep-
tavidin [45]. This assembly approach can yield the fabrication of “new” composite
materials with useful physical properties. Complex structures could for example be
used to trap cells.
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Living organism are also being used to synthesize useful materials for micro-
electronics and MEMS applications. Fundamental mechanisms of silica production
in living organisms like marine sponges or red abalone are being investigated [46].

Entire cells can also be harnessed for useful motoring tasks. Cells of Escherichia
coli are propelled by their flagella, four to ten long slender filaments that project
from random sites on the cell’s surface. Despite their appearance and name, flagella
do not lash; they rotate. The rotary engine is driven by the cell’s proton circulation,
which can rotate the flagellum either clock wise or counter-clockwise. The authors
of [47] envision the fabrication of a microfluidic pump that is controlled and driven
by such biological cellular motors. This pump actuation scheme requires the tether-
ing of harmless strain of Escherichia coli cells within a microfluidic channel built
using conventional MEMS fabrication techniques. No actual pumping was demon-
strated at the time. However, the paper stands at the one potentially fruitful crossing
between “top-down” and “bottom-up” techniques.

16.4 BioMEMS Application Review

16.4.1 BioMEMS Classification

BioMEMS applications can be classified in a variety of ways. Various bioMEMS
review articles [48–52] list the most famous applications at different points of the
last few decades. The authors of [9] categorize bioMEMS as tools for (1) molecu-
lar biology and biochemistry (e.g., DNA amplification and separation for genome
sequencing [affimetrix]), (2) cell biology (e.g., single cell force sensor [1]), (3)
medicine (e.g., pressure sensors [4], drug delivery systems [2], micro-surgical tools),
or (4) biosensors1. By doing so, the authors of [48] unambiguously demonstrate that
bioMEMS are filling key-functions that assist biologist and doctors at all accessible
length scales: from molecules to cells, to complex organisms to human beings.

The author of [14] reviews bioMEMS for medical use from the reliability point
of view. He classifies them according to three general realms of application. Each
realm of application is paired with specific reliability and safety considerations:
(1) bioMEMS used in research laboratory that are not intended to perform critical
clinical diagnostics (e.g., high through-put screening for drug discovery, genome
sequencing), (2) bioMEMS used for clinical diagnostics, which performance could
directly impact the way a patient is being treated, and (3) bioMEMS intended for in
vivo applications, stigmatized with even higher levels of reliability constraints. This

1Biosensors are deliberately marginalized. Biosensors usually perform electrochemical-to-
electrical conversion tasks for applications such as oxygen, glucose or pH monitoring of fluid
samples. The authors of [48] justify this choice by stating that biosensors are “not necessarily
microfabricated”, i.e., the specifics of their fabrication and operation is often closer to conventional
micro-electronics applications than to MEMS. Readers can refer to [54] for a complete description
of biosensors.
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review gives an interesting guide-line for engineers getting involved with bioMEMS
and their eventual commercialization.

Instead of attempting to compile an exhaustive thesaurus of current applications,
the author invites the reader to refer to previous sections of this chapter to find other
examples, as well as to become acquainted with the aforementioned references. Four
important BioMEMS systems that have not been formally discussed yet will how-
ever be introduced: (1) BioMEMS for cell culturing, (2) bioMEMS for DNA and
protein detection, (3) bioMEMS as prosthesis for interface with the nervous system
and (4) bioMEMS for modern surgical tools.

16.4.2 BioMEMS for Cell Culturing

As mentioned in earlier sections of this chapter, bioMEMS help biologist manip-
ulate cells or embryos [27]. Micromachining techniques can also be used to create
structures for cells to grow and to facilitate their interfacing with electronic circuitry.

Qing et al. [53] presents a two-dimensional array of micro-machined structures
designed to trap and provide an adequate site to grow and study neurons. The
“neuro-cages” are built in parylene. Each structure has a cylindrical hollow body
surrounded at its base by six low-profile tunnel-like structures that allow each neu-
ron loaded into the cylindrical compartment to grow neurites and form a neural net-
work with adjacent trapped neurons. Figure 16.7a is a scanning electron microscope

(b)

(a)

Fig. 16.7a,b a Top: scanning electron micrograph of a Parylene-base three dimensional “neuro-
cage”; bottom: demonstration of neurite outgrowth through the channels (tunnels) of the cage (©
2005 IEEE). b SEM pictures of 3-D neuronal cell cultures on SU-8 towers [56] (© 2005 IEEE).
Cell bridging and web-like connections of 3-D neuronal networks show the possibility of 3-D cell
culturing with these scaffolds
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of one “neuron-cage”. Figure 16.7b shows a top-view picture of neurite outgrowth
through the channels (tunnels) while the neuron cell is being trapped inside the
cage. Such structures are intended to impact the study of live neural networks. An
unrelated publication [55] demonstrates the fabrication and the use of a CMOS-
based monolithic array of micro-electrodes suitable for stimulating and recording
the activity of neural networks. Using neural-cages in conjunction with the CMOS-
chip design efforts reported in [55] could greatly simplify the immobilization of
cells at a specific location (above one electrode) and yield repeated measurements
on single neurons.

More recent efforts focus on creating complex three-dimensional structures that
mimic the architecture and the functionality of natural micro-vasculatures, i.e.,
microscopic networks of fluidic channels and electric stimulators capable of sustain-
ing the culture of cells, not in single layers anymore but in multilayered volumes.
An attempt to create such structures is presented in [56]. The authors demonstrate
the fabrication of a 3-D array of towers using a 300 μm thick SU-8 photosensitive
epoxy layer. Post fabrication, the array is sterilized and soaked in poly-D-lysine,
a common protein that promotes cell adhesion. Figure 16.7c is a scanning elec-
tron micrograph of the arrays of towers, showing successful neuronal cell growth
between two towers after cell delivery and culturing for several days.

16.4.3 BioMEMS for DNA, Proteins and Chemical Analysis

BioMEMS can be applied to fast, multiplexed clinical diagnostics. Such systems
can analyze body fluids and samples (e.g., blood, biopsy samples, etc.) and monitor
analyte levels indicative of infection, diseases, etc.

The presence of marker proteins (e.g., antigens) in a sample fluid can be detected
using the deflection of a microscopic cantilever beam [57]. Figure 16.8b is a
scanning electron micrograph of two silicon nitride micro-cantilevers used for multi-
plexed bio-molecular analysis as shown in [58]. Specificity is attained by first immo-
bilizing various antibodies at the surface of a sensing area, i.e., the upper surface of
a cantilever beam (Fig. 16.8a). Upon introduction of a fluid sample, antigens (tar-
get protein) present in the fluid sample bind to the specific probing cite (antibody)
previously attached to the beam. Antigen to antibody binding occurs only if the spe-
cific form of antibody is present at the surface of the beam. The binding induces a
rise in the state of mechanical stress at the surface of a cantilever beam, resulting in
macroscopic bending of the latter. Minute bending (displacements) can be detected
using a variety of detection schemes (optical, capacitive, piezoelectric, etc.). In [58]
the bending of the cantilever beam is detected by bouncing a laser beam on the tip
of the cantilever and recording the movement of the reflected beam using a CCD
image screen (Fig. 16.8c).

For multiplexed analysis, a complete system can, for example, be formed of tens
of beams, each one pre-coated with a specific antibody, that may or may not bend,
depending on whether specific antigens are present in the fluid sample at the same
time.
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(a) (b)

(c)

Fig. 16.8 Silicon nitride microcantilevers for multiplexed bio-molecular analysis [58] (© 2005
IEEE). Bio-molecular interaction between target and probe molecules alter intermolecular inter-
actions within a self assembled monolayer on one side of a cantilever beam. The bending of the
cantilever beam can be detected by bouncing a laser beam off of the tip of the cantilever beam and
recording the movement of the reflected beam using a CCD image screen [58]

The analyte is not always a protein. It can be a clinical chemistry marker such
as glucose or oxygen present in a blood sample. The analyte can be in liquid or
gaseous form. An example of a system able to perform such analysis is a minia-
ture gas chromatograph. Miniature gas chromatographs (MGC) are portable rapid
respiratory and environmental gas analysis systems. As a mixture of gas trav-
els along a micromachined separation column, interaction with the column walls
gives a rise to differing effective mobility in the individual gases present in the
gas sample. Desirable column length can exceed few meters whereas a typical
cross-section is only a few micrometers square. Such requirements take full advan-
tages of both bioMEMS scaling laws and micromachining capabilities. Miniatur-
ized MGCs as envisioned in [59] include not only a suitable separation column, but
also on board microfluidic elements such as valves and micro-filtering and chemi-
cal sensing systems essential to the introduction and the complete analysis of gases
(see Fig. 16.9).

In the case of an MGC, an inert carrier gas is generally used to assist the move-
ment of the gas sample along the column. When handling fluids, other techniques
are at hand to move fluids from reservoirs to mixing, reaction (e.g., acoustic, mag-
netic, d.c. and a.c. electrokinetic phenomena). The authors of [60] present a lab-
on-chip that utilizes centrifugal forces acting on fluids confined in passage ways
built on a compact disk. Valving, mixing, and detection are demonstrated and have
already been yielding commercial realization.
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Fig. 16.9 Conceptual
diagram of a MEMS gas
chromatograph that could be
used for the determination of
environmental gas mixtures
[59] (© 2005 IEEE)

16.4.4 BioMEMS for In-Vivo Applications: Interfacing with the
Nervous System

BioMEMS are expected to play an important role in the future development
of implanted medical devices, namely stents, pacemakers, drug delivery systems
and implantable sensors. We now look at the possibility of using bioMEMS as
implantable prostheses to interface with the nervous system.

The ability to monitor and/or stimulate selected groups of cells from the ner-
vous system using the proper electronic-to-tissue interface has been proven to be an
effective way to palliate or find a cure to the handicaps of individuals with neurolog-
ical disorders or disabilities. Work on implantable prostheses for patient suffering
of deafness began in the 1960 s. Rehabilitative implants such as visual implants are
under scrutiny, relying on either stimulation of the visual cortex or, when adapted,
direct stimulation the retina [61]. Miniaturized wired or wireless functional neu-
romuscular stimulators represent another class of promising implanted prosthesis,
expected to help patients with severed or partially injured spinal cords to elicit
controllable muscle contractions and to provide sensory feedback. In most case, a
suitable electronic-to-tissue interface is needed. A modern electronic-to-tissue inter-
face can include dense arrays of electrodes, on board control electronics and, if
needed, wireless links [62]. Current IC technology, coupled with MEMS fabrica-
tion and hermetic encapsulation techniques, has already made such interfaces fea-
sible [63, 64], mainly for research purposes, offering irrefutable advantages in the
making of probe shanks in particular. In contrast to traditional microelectrode con-
struction methods (e.g., metal electro-erosion), MEMS micro fabrications are well
adapted to produce dense three-dimensional arrays of either rigid or flexible elec-
trodes, each one of them carrying more than one stimulating/recording site, able
to address a very large number of cells within a block of tissue, and yet small
enough to limit cell or microvasculature destruction or tissue displacement upon
insertion.
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(a) (b)

Fig. 16.10a,b a Scanning electron micrograph of the “Utah slanted electrode array” as presented
in [64] (© 2005 IEEE). The 10 × 10 array of Si micromachined needles are chronically placed
in different fascicles of the sciatic nerve of cats. b Scanning electron micrograph of the tip of an
in-plane multi-channel microprobe [49] (© 2005 IEEE)

Figure 16.10 presents two types of electrodes. Figure 16.10a is a scanning elec-
tron micrograph of the “Utah slanted electrode array” as presented in [64]. The elec-
trodes are built through the thickness of a silicon wafer using bulk micromachining.
Each electrode represents a single stimulating-recording site. Figure 16.10b is an
example of multi-channel recording microprobe built in plane and realized using
bulk micromachining techniques. In that case, one microprobe supports a multitude
of recording/stimulating sites.

Several problems related to long term (chronic) implantation of microprobes in
peripheral nerve systems are under investigation [64]: breakage of the probe tips
during insertion, relative motion between nerves and surrounding muscle tissues,
dislodging the implant, unless adapted containment systems are developed, degen-
eracy of axonal fibers after implantation, stimulation threshold overtime variation,
poor ratio of desired signal over noise levels (e.g., noise from EMG activity), etc.

16.4.5 Micro-Surgical Tools

MEMS are particularly suited to improve modern surgical instruments, whether the
considered tools are hand tools, teleoperated tools or autonomous surgical robots
[65]. As miniaturized sensors, MEMS can provide extra real-time sensory feedback
to the surgeon. As miniaturized actuators, MEMS can assist the surgeon in control-
ling displacements and operations of the end effectors.

Sensors manufactured using MEMS techniques have been proposed to address
the need for tactile sensory feedback for surgeons performing minimally invasive
surgery (MIS). MEMS sensors strategically embedded inside the end effectors (clip-
pers, scissors, graspers, cautherizers, etc.) can help restore a certain degree of tactile
feedback by sensing minute levels of strain and stress at the surface of the tool.
The surgeon can gain knowledge of the forces he/she exerts as he/she is cutting,
pulling, suturing, etc. MEMS sensors can also be used to help the surgeon identify
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the nature of tissues before taking action. Tissue specific density, temperature, etc.
can be detected using piezoelectric transducers or miniaturized temperature probes.

As actuators, MEMS can enhance the control of the movements of end effectors
or assist in the steering of endoscopes, probes and catheters [28].

Autonomous robots able to propel and act inside the body without the need for
tethers or guide wires also benefit from progress in miniaturization techniques, IC
integration and hermetic packaging. A fully integrated capsule like NORIKA3 (RF-
Systemlab, JAPAN) is an electronic telemetry capsule that can be swallowed for
studying the gastro-intestinal track of a patient. The capsule is 9 mm in diameter
and 23 mm in length. It incorporates a CCD camera, an LED illumination system
and drug delivery modules. Unlike previous capsules, the NORIKA3 is able to move
in the gastrointestinal tract by exploiting forces generated by the interaction between
an applied external electromagnetic field and local magnetic fields generated by on-
board electromagnets (coils).

16.5 Conclusion

BioMEMS rely on a set of material and micromachining techniques that were histor-
ically borrowed from other fields of microelectronics, including MEMS. BioMEMS
did not long remain in the shadow of their solid-states micro-electronics relatives.
To respond to specific needs from biologists or medical doctors, BioMEMS engi-
neers embarked on a long quest for specialized materials, micro-machining tools,
adapted design and analysis software, and alternative packaging solutions. Such
efforts are receiving inputs from almost every field of modern science. Among
prominent enabling sciences, material science continues to generate a fertile frame-
work for engineers and scientists to focus their attention on traditional materials
(e.g., single crystal silicon) as well as new materials (e.g., porous silicon, polymers,
ceramics, composite materials etc.) that display properties or employ modes of syn-
thesis, deposition, etc. precious to biomedical applications.

As a result, BioMEMS have already made a favorable impact in many areas of
modern biology and medicine. This technology offers both relevant conceptual alter-
natives for conventional macroscopic devices (e.g., di-electrophoresis separators) as
well as innovative design spaces for new application (and markets), especially in the
fields of medical disposable or implantable sensors.

Many challenges are still ahead, especially when considering long sought
implantable miniaturized systems. These challenges are not exclusive to bioMEMS
and will be faced best by re-enforcing interactions between all engineering fields
common to bioMEMS and conventional biomedical technologies.
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Chapter 17
Magnetic Particles for Biomedical Applications

Raju V. Ramanujan

17.1 Introduction

This chapter discusses applications of magnetic materials in bioengineering and
medicine [1–8]. Magnetism and magnetic materials have been used for many
decades in many modern medical applications, and several new applications are
being developed in part because of the availability of superior electromagnets, super-
conducting magnets and permanent magnets [9–12]. Advances in the synthesis and
characterization of magnetic particles, especially nanomagnetic particles, have also
aided in the use of magnetic biomaterials [6–12]. We begin with an introduction
to magnetism and magnetic materials, followed by a discussion of the characteri-
zation, synthesis techniques and applications of magnetic biomaterials [8, 9]. Mag-
netic materials can be applied to cell separation, immunoassay, magnetic resonance
imaging (MRI), drug and gene delivery, minimally invasive surgery, radionuclide
therapy, hyperthermia and artificial muscle applications [1–5, 7]. Physical proper-
ties which make magnetic materials attractive for biomedical applications are, first,
that they can be manipulated by an external magnetic field – this feature is useful for
separation, immunoassay and drug targeting, and second, hysteresis and other losses
occur in alternating magnetic fields – this is useful in hyperthermia applications.

In biology, there has been much interest in the possible use by bees and pigeons
of magnetic materials as biological compasses for navigation. Some magnetotactic
bacteria are known to respond to a magnetic field, they contain chains of small
magnetite particles and they can navigate to the surface or bottom of the pools that
they live in using these particles. These particles can be obtained by disruption of
the cell wall followed by magnetic separation; the presence of the lipid layer makes
these particles biocompatible and they can be readily functionalized for a variety of
biomedical applications.

The earliest known biomedical use of naturally occurring magnetic materials
involves magnetite (Fe3O4) or lodestone which was used by the Indian surgeon
Sucruta around 2,600 years ago. He wrote in the book Ayurveda that magnetite
can be used to extract an iron arrow tip. Current areas in medicine to which mag-
netic biomaterials can be applied include molecular and cell biology, cardiology,
neurosurgery, oncology and radiology.
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In the human body, there is a constant movement of ions within and outside the
cells as well as across cellular membranes. This electrical activity is responsible for
magnetic fields, called biomagnetic fields, which we can measure using sensitive
instruments placed outside the body. The study of such fields, called biomagnetism,
is a fascinating area related to magnetism which is not covered in this chapter due
to lack of space. Of course, the effect of magnetic fields on humans and animals
is also the focus of many studies, examples being the effect of the electromagnetic
field produced by power lines and cell phones on humans. Of course, we are all
immersed in the earth’s magnetic field of about 0.5 × 10−5 T while the magnetic
field of a neutron star is of the order of 108 T!

Here we focus on the origin of magnetism in materials, the types of magnetic
materials used in medicine, and contemporary and future applications of magnetic
biomaterials.

17.2 Magnetism and Magnetic Materials

Magnetism is known to all of us from childhood as the phenomenon by which
some materials attract or repel other materials from a distance; examples of
such materials include iron, lodestone and some steels. Broadly, magnetic forces
are generated by moving charged particles, leading to magnetic fields. There
are a number of excellent references to magnetism and magnetic materials, and
an introduction is provided in Callister, from which the following discussion is
derived [10].

Consider a material placed in an external magnetic field. The atoms in this mate-
rial possess an atomic moment which responds to this external field. It is useful
to think of magnetic dipoles existing in magnetic materials; these dipoles can be
considered to be small bar magnets with north and south poles. The dipoles pos-
sess a magnetic dipole moment which can respond to the external magnetic field.
Some field vectors are needed to understand this response: the external magnetic
field strength is denoted by H (units A/m), the magnetic induction in the material is
denoted by B (units tesla) and the magnetization by M (units A/m). B, H and M are
related by

B = μ0 (H + M) (17.1)

where μ0 is the permeability of free space (its magnitude is 1.257 × 10−6 H/m)
and M is the magnetic moment m per unit volume of the material. The
value of M depends on the type of material and the temperature and can be
related to the field H through the volumetric magnetic susceptibility χ by the
relation

M = χ H (17.2)
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17.2.1 Categories of Magnetic Materials

We now discuss the magnetic response of bulk material. In simple cases we can
understand in a straightforward fashion this response in terms of the behavior of
individual atoms. In other cases, interactions between individual atoms makes the
picture more complicated. The magnetic response results in materials being classi-
fied as either diamagnetic, paramagnetic or ferromagnetic. Antiferromagnetism and
ferrimagnetism fall within the broad category of ferromagnetism.

For most bulk materials, the response to an external magnetic field is weak, e.g.,
in diamagnetic and paramagnetic materials. Diamagnetism is very weak and not
permanent; it persists only as long as the external field is present. It occurs due to
a change in the orbital motion of electrons due to the external field, the direction
of the induced magnetic moment is opposite to the field. In an inhomogenous field,
such materials are attracted towards regions where the field is weak (Fig. 17.1). In
paramagnetism, each atom has a permanent dipole moment because of incomplete
cancellation of its electron magnetic moments. When a field is applied these atomic
dipoles individually tend to align with the field, much as a compass needle aligns
with the earth’s magnetic field.

Diamagnetic and paramagnetic materials exhibit magnetization only in the pres-
ence of an external field; the low values of susceptibility χ imply that the magnetic
induction in such materials is very weak. Typical values of susceptibility, at room
temperature, for diamagnetic copper is −0.96 × 10−5, for paramagnetic aluminum
is 2.07 × 10−5 and paramagnetic manganese sulfate is 3.7 × 10−3 [10].
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Fig. 17.1 Schematic of the flux density B as a function of H for various materials [10]
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Feromagnetism is the most familiar type of magnetism. It occurs, for example,
in body centred cubic (b.c.c.) iron, cobalt, nickel, and in many alloy compositions
based on Fe, Co and Ni. Ferromagnetic materials, unlike dia- and para- magnetic
materials, show permanent magnetic moments even in the absence of an external
field. The susceptibility values are very high compared to those of para- and dia-
magnetic materials, reaching up to 106. The magnetic moments in such materials
arise mainly from atomic spin magnetic moments. More importantly, interactions
between atoms cause spin magnetic moments to align with one another in a coop-
erative fashion. Thus, large regions in a crystal can have atoms with their spins
aligned with one another. When all the magnetic dipoles are aligned the magnetiza-
tion reaches its saturation value (Ms), e.g., the magnitude of Ms for nickel is 5.1 ×
105 A/m.

As mentioned earlier, ferromagnetism results from a cooperative parallel align-
ment of spins. In other materials, e.g., MnO. The magnetic moment coupling
between atoms (or ions) results in the spin moments of neighboring atoms being
aligned in opposite directions. Such materials are antiferromagnetic. In the case of
MnO, the moments of adjacent Mn2+ ions are antiparallel, thus the material has no
net magnetic moment (Fig. 17.2).

Some materials, including the magnetic biomaterial magnetite (Fe3O4) men-
tioned in the introduction, exhibit ferrimagnetic behavior [10]. Hexagonal ferrites
and garnets are other ceramic materials that fall in this category. Cubic ferrites, such
as magnetite, can be represented as MFe2O4, where M is a metal. In the case of
Fe3O4, Fe ions exist in both the +2 and +3 valence states. The magnetic moments of
the two types of Fe ions differs; in this case, there is a net magnetic moment because
for the solid as a whole the spin moments are not completely cancelled; although
the spin moments of the Fe3+ ions cancel one another, the magnetization arises from
the parallel alignment of the moments of the Fe2+ ions (Fig. 17.3). By adding other
ions such as Ni2+ and Co2+ to Fe3O4, ferrites having a range of magnetic properties
can be produced. This flexibility can be used to tune the magnetic properties for
hyperthermia applications by creating cubic mixed-ferrite material.

Mn2+

O2–

Fig. 17.2 Schematic of
antiparallel alignment of spin
magnetic moments in
antiferromagnetic MnO
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O2– Fe2+

Fe3+Fe3+

Fig. 17.3 Schematic depicting the spin
magnetic moments for Fe3+ and Fe2+in
Fe3O4

17.2.2 The Influence of Temperature

It can be expected that temperature will play an important role in determining mag-
netic properties, since entropy effects will be more dominant at high temperatures.
The magnetic properties of both ferri- and ferro-magnets depend on the coupling
forces between neighboring atoms; at higher temperatures, entropy effects favor a
random arrangement of spins, resulting in a reduction in saturation magnetization.
The saturation magnetization decreases with increasing temperature; at the Curie
temperature Tc it becomes zero and the material becomes paramagnetic above this
temperature. The Curie temperature, e.g., of cobalt is 1,120 ◦C and that of magnetite
is 585 ◦C. Thus a given material can change its magnetic behavior depending on the
temperature; its use as a magnetic biomaterial will consequently depend on the rela-
tive values of the service temperature and the Curie temperature. The ferromagnetic
to paramagnetic phase transformation described above has been used to act as an on-
off switch in hyperthermia applications; the magnetic material is designed to have a
Curie temperature equal to the temperature required for hyperthermia.

17.2.3 Magnetization Processes in Ferromagnetic
and Ferrimagnetic Materials

The B-H loop enables us to classify magnetic materials into different categories, the
simplest division being that of soft and hard magnetic materials. In a hard magnetic
material, the area within the B-H loop is much larger than that in a soft magnetic
material, and the coercivity is large, giving rise to a “fat” B-H loop; this implies
a greater amount of hysteresis in a hard magnet. On the other hand, soft mag-
nets have skinny B-H loops; as a result, soft magnets are be easily magnetized and
demagnetized.

Examples of magnetically soft materials are commercial iron ingot, oriented
silicon-iron and Ferroxcube A (48% MnFe2O4 –52% ZnFe2O4) with saturation
magnetic induction of 2.14, 2.01 and 0.33 T, respectively. Hard magnets are diffi-
cult to demagnetize, hence they are referred to as permanent magnets. The energy
product, (BH)max is one of the useful parameters to classify hard magnets; it is the
area of the largest B-H rectangle we can construct in the second quadrant of the B-
H loop. Two types of hard magnets are commercially useful: conventional and high
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energy. Examples of conventional hard magnets are Cunife (60% Cu-20% Ni-20%
Fe) with a remanence of 0.54 T and an energy product of 12 kJ/m3 and sintered fer-
rite 3 (BaO-6 Fe2O3) with a remanence of 0.32 T and an energy product of 20 kJ/m3.
The usual range of energy product of conventional hard magnets is between 2 and
80 kJ/m3, while that of high energy magnets is greater than 80 kJ/m3. Examples
of the latter are samarium–cobalt magnets (SmCo5) and neodymium–iron–boron
(Nd2Fe14B) magnets with typical remanence values of 0.92 and 1.16 T respectively
and energy product values of 170 and 255 kJ/m3 respectively [10].

17.2.4 Factors Affecting Magnetic Properties

From a materials standpoint it is useful to distinguish those properties that are struc-
ture sensitive from those that are relatively structure-insensitive; susceptibility and
coercivity fall in the first category while saturation magnetization is an example of
the second. Manipulation of the properties can be performed by altering the com-
position, crystal structure, stress state and size of the material. Since size plays an
important part in many magnetic biomaterials applications, we now consider the
effect of particle size on magnetic properties (Fig. 17.4).

In for example drug delivery, gene delivery and hyperthermia, small magnetic
particles are used [5]. In large particles (greater than about 1 μm) there are many
magnetic domains; this leads to a narrow hysteresis loop. Such particles are use-
ful in immunomagnetic separation of pathogenic microorganisms in microbiology.
For smaller particle sizes (less than about 1 μm) it is energetically more favor-
able for only one domain to exist. The response of such particles to a magnetic
field is qualitatively different, resulting in a broader hysteresis loop. If the particle
size is reduced further to about 20 nm (the exact size depends on the composition
of the material), the material becomes superparamagnetic, which means that the

DM

PM

SPM

FM

Fig. 17.4 Magnetic properties
are affected by the particle size
(DM = diamagnetic, PM =
paramagnetic, SPM =
superparamagnetic, FM =
ferromagnetic) [5]
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magnetic moment of the particle fluctuates because of the thermal energy (∼kT); at
the atomic level the individual atomic moments continue to be ordered relative to
each other. Importantly, the remanence is zero, the result is a B-H curve showing
no hysteresis; this property is important for reducing the tendency of the particles to
agglomerate. The physical basis for the fluctuation of the magnetic moments can be
understood as a battle between ΔE, the energy barrier to moment reversal and the
thermal energy (kT). In the simplest approximation the energy barrier is the prod-
uct of the anisotropy energy density K and the volume V. When the particle size
is small (small V), the KV term is small and comparable to the thermal energy;
this leads to flipping of the magnetic moment. The “blocking” temperature TB can
be regarded as the temperature above which the material becomes superparamag-
netic. Superparamagnetic particles are useful as magnetic biomaterials, some are,
physiologically well tolerated; an example is dextran-magnetite. Iron oxide coated
with dextran is commercially available for MRI, for cell separation and cell labeling
applications.

17.3 Physical Principles

We now consider the physical principles involved in the applications of magnetic
particles in bioengineering applications. In the case of targeted drug delivery we
introduce drug coated magnetic particles into a blood vessel and then apply an exter-
nal magnetic field. This field attracts and retains the particles at the site of the disease
(Fig. 17.5). The blood vessel will exhibit a paramagnetic response to the field from
entities such as the hemoglobin. It will also exhibit a diamagnetic response because
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Fig. 17.5 Directed motion of magnetic particles by external magnetic field [5]
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of proteins that contain carbon, hydrogen, nitrogen and oxygen atoms. These two
responses are much smaller than the response by the magnetic particles. What kind
of magnetic field should be applied to target the magnetic particles to the site of the
disease? A magnetic field that is uniform gives rise to a torque, but usually we wish
to direct the particles in a specific direction, i.e., provide translation motion; this
can be accomplished by means of a field gradient. If an appropriate magnetic field
gradient is present, a force acts on the particles driving them in a direction which
can be chosen to so that the particles are targeted to the site of the disease (Fig.
17.6). Consider a magnetic particle in such a magnetic field gradient; for the case
of magnetic nanoparticles suspended in water the magnetic force on the particle has
been shown by Pankhurst to be

Fm = Vm(χm − χw)∇(
1

2
B.H ) (17.3)

where Vm is the volume of the particle, χm and χw are the susceptibility of the
particle and water respectively, and the quantity 1

2 B.H is the magnetostatic field
energy density [5]. Assuming that the susceptibility of the particle is greater than
that of water, this equation shows that the force is proportional to the differential
in the energy density, and recalling the geometrical meaning of the ∇ operator, this
magnetic force on the particle acts in the direction of steepest ascent of the energy
density field.

In the case of magnetic hyperthermia applications, a different principle is
involved; we wish to raise the temperature to about 43 ◦C in a localized area in
order to destroy cancer cells selectively [3]. This can be done by applying a mag-
netic field which varies with time; ferro- and ferri-magnetic material will be repeat-
edly cycled through the B-H loop, resulting in hysteresis and other losses which
are then converted to thermal energy and result in an increase in temperature.

Arterial 
feedCatheter

  Magnet

Magnetic 
carrierTissue/Organ

Fig. 17.6 Magnetic carrier for drug targeting and drug delivery [6]
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Superparamagnetic materials can also be heated using this technique; the loss mech-
anisms differ from those observed in ferro- and ferri-magnetic materials.

17.4 Examples and Property Requirements
of Magnetic Biomaterials

A common example of a magnetic biomaterial is magnetite. Interestingly, this is the
same material used by Sucruta more than 2,000 years ago. Magnetite is found in
many biological entities, from bacteria to people. It is an example of cubic ferrites
which have an inverse spinel structure. It is ferrimagnetic with a Curie tempera-
ture of 578 ◦C and a saturation magnetization of 4.76 × 105 A/m. Another example
of a magnetic biomaterial is maghemite (gamma Fe2O3), which is formed when
magnetite is oxidized. It has a structure similar to that of magnetite, the difference
being that all or most of the iron is trivalent, the saturation magnetization is 4.26
× 105 A/m. Ferritin is a protein that stores iron in humans. It contains typically
4,500 iron atoms in an approximately spherical 12 nm diameter molecule. It has
a 12 subunit protein shell containing a ferrihydrite core and an antiferromagnetic
core. Gadolinium(III) chelates are commonly used in MRI applications. Iron coated
with activated carbon has recently been tried for magnetic drug targeting for the
treatment of hepatocellular carcinomas.

The magnetic biomaterial can, in principle, also be Ni, Co, b.c.c. Fe, magnetic
alloys of Fe, Co, Ni, Nd–Fe–B or samarium–cobalt materials. In all cases, however,
issues of biocompatibility and toxicity limit the choice of materials; however, the
use of coatings may make the use of these materials feasible. The hard magnetic
materials Nd–Fe–B and samarium–cobalt have the disadvantage that large external
fields are required to influence these materials. Materials with high magnetization
and high susceptibility are preferred for applications such as drug targeting and
magnetic separation. Most of the examples of useful magnetic biomaterials are in
powder form, and usually the particles are suitably coated before use. Ideally, the
magnetic material should be non-toxic and non-immunogenic. In the case of drug
delivery, the particle sizes should be small enough to be injected into the blood-
stream and then to pass through the required capillary systems. For in vitro appli-
cations, the requirements are more relaxed, larger particle sizes can be used, and
biocompatibility and toxicity issues may be less important.

In many cases, it is required to coat the magnetic particles; this is usually done
by coating with a biocompatible polymer or with other coatings such as gold, acti-
vated carbon or silica (Fig. 17.7). The coating reduces aggregation and prevents the
magnetic particle from being exposed directly to the body. In addition, the polymer
can be used as a matrix in which drugs, radionuclides or genetic material can be
dissolved or as a site for binding of drugs; thus the magnet-coating system can act
as “carrier” to deliver useful material to the targeted region. Some examples of com-
mon coatings are derivatives of dextran, polyethylene glycol (PEG) and polyethy-
lene oxide (PEO), phospholipids and polyvinyl alcohol [2, 4].
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Fig. 17.7 Magnetic particle with biocompatible coating to be used for in vivo applications. D refers
to functional groups

17.5 Applications

In this section we discuss present and potential future applications of magnetic bio-
materials. We begin with the well studied case of magnetic separation for purifica-
tion and cell labeling.

17.5.1 Magnetic Separation

Magnetic particles can be used to separate entities from their surroundings so that
the surroundings can be purified or to concentrate the entities for further study [1].
This use is based on the difference in the susceptibility between a magnetically
labeled entity and the surrounding medium. Examples of the use of this principle are
magnetic cell sorting for cellular therapy and immunoassay (which is a process that
measures and identifies a specific biological substance such as an antigen). Entities
that can be labeled include cells, bacteria and some types of vesicles. The first step
is to label the entities with the particles followed by the separation of the labeled
entities by magnetic separation (Fig. 17.8). Usually coated particles will be used; the
coating will help to bind the particles to the entities such as cells. Specific sites on the
cell surfaces can be targeted for attachment by antibodies; this works as a labeling
procedure since antibodies bind to their matching antigen. In order to separate out
these labeled entities we can use a magnetic field gradient which can attract and
“hold” the entities in specific regions, followed by removal of these entities. This
method has been applied to the selection of tumor cells from blood as well as to
isolate enzymes, DNA and RNA from various sources including body fluids.
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Fig. 17.8 Magnetic separation [4–6]

17.5.2 Drug Delivery

It is well known that most methods of chemotherapy are relatively non-specific.
As a result, drugs are “wasted” by being distributed to areas where they are not
required, and this can lead to undesirable side effects. What is required is a “magic
bullet” which can be used to carry the drugs to the area where they are required.
Additionally, it will be advantageous to control the release of the drug once the
carrier has reached the target. Much of the work which has been performed so far
relates to targeting cancerous tumors. In this case, the magnetic particle first acts
as a carrier of the drug which is attached to its outer surface or, more commonly,
dissolved in an outer coating. Once the drug coated particles have been introduced
into the bloodstream of the patient, a magnetic field gradient, created, e.g., by a
strong permanent magnet, is used to “hold” the particles at the targeted region.

Drug release can then take place by enzymatic activity or by means of a spe-
cific trigger (controlled release). Physically, the success of this method depends on
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the velocity of the particles in the bloodstream, the circulation time as well as the
strength of the magnetic field in the region of interest. It is easier to immobilize
larger particles in the micron size range; they are less likely to “swept” away by
the blood flow. On the other hand, there are many other advantages in having a
reduced particle size. It appears that the optimum size may be in the 5–100 nm size
range. Typically, a coated magnetite particle is used; noble metals such as gold have
been used as a coating in addition to the usual polymer based coatings. Preliminary
studies using metallic magnetic particles have also been undertaken. Several studies
have reported success in tumor remission (the period during which the symptoms of
a disease decrease) in animal models. The difficult case of targeting cytotoxic (cell
killing) drugs to brain tumors has also been demonstrated in rats. Human trials using
this technique for treating liver tumors have also been performed.

17.5.3 Radionuclide Delivery

Radionuclides (e.g., β–emitters, β is the symbol used to denote an electron) can also
be attached to the magnetic particles and this system can then be targeted in the same
way as described in the previous section on drug delivery, since the radionuclide
does not have to be released in the same way as the drug; one restriction of drug
delivery, i.e., control of drug release, is absent.

17.5.4 Gene Delivery

This technique has been called magnetofection, since it involves using magnetic
particles to increase the efficiency of gene transfection (introduction of foreign DNA
into a host cell) and expression (the process by which a gene’s coded information
is converted into the structures present and operating in the cell) [7]. A viral vector
carrying the gene is coated on the surface of the magnetic particle; by applying a
magnetic field; this particle can then be held at the target area. The virus is thus
in contact with the tissue for increased duration which increases the transfection
efficiency (Fig. 17.9).

17.5.5 Hyperthermia

The idea that a localized rise in temperature (typically about 43 ◦C) can be used to
destroy malignant cells selectively is called hyperthermia; this method of treatment
can be effected by magnetic particles. The basic idea is that magnetic material can
be heated by an a.c. magnetic field. The mechanisms of heating for ferromagnetic
materials include hysteresis losses. In the case of superparamagnetic particles heat-
ing can occur by the rotation of the particles themselves or by the rotation of the
atomic magnetic moments. Other non-magnetic methods of hyperthermia are also
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Fig. 17.9 Principle of gene delivery using magnetic particles. The cells to be transfected are posi-
tioned between the magnetic field gradient and the nucleic acids which are attached to the particles.
The field causes the particles to move towards the target cells, the cell entry is accomplished, e.g.,
by endocytosis [7]

available. The advantage of using magnetic particles should by now be familiar, i.e.,
we can target the particles to the targeted region and then heat up the particles by
using an external a.c. magnetic field. According to Pankhurst, typically a heat depo-
sition rate of 100 mW/cm3 is required, and the frequency of the field should be in
the kHz range with an amplitude of a few kA/m [5]. Generally iron oxides are used
for hyperthermia applications.

17.5.6 Magnetic Resonance Imaging Contrast Agent

So far, we have only considered magnetic properties associated with the electrons
in the material. However, protons also have a magnetic moment, and this can be
utilized in the powerful imaging technique of magnetic resonance imaging (MRI)
[5]. The principle is as follows. We first apply a steady field of about 1 T to a mate-
rial, causing a very small fraction of protons to line up parallel to the field. The net
magnetic moment precesses like a top around the direction of this field (Fig. 17.10).
In order to measure the signal produced as a result of this alignment, we now apply
a transverse radio frequency magnetic field. The frequency is carefully chosen and
its effect is to make the magnetic moment precess in the plane perpendicular to the
steady state field. When this second field is switched off, the amplitudes of the mag-
netic moments relax back to their initial values. This relaxation of the response is
measured by pick-up coils. Typically, the relaxation time can be reduced by means
of a magnetic particle. Thus if a region is tagged using the magnetic particles, the
relaxation time will be lower compared to untagged regions; thus “contrast” is pro-
vided and the particle acts as a contrast agent. Usually paramagnetic Gd based mate-
rials are used; superparamagnetic iron oxide particles, usually coated with dextran,
have also been used for this purpose.
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Fig. 17.10 Magnetic
resonance for protons with
magnetic moment m in a
field Bz. (a) The moment
precesses around the field.
(b) A second field excites
the moment precession into
the plane perpendicular to
Bz. (c, d) The second field is
removed and the in-plane (c)
and longitudinal (d) moment
amplitudes relax back to
their initial values [5]

17.5.7 Artificial Muscle

There have been various attempts to synthesize artificial muscles; attempts range
from a robot-like metallic actuator to a more advanced soft actuator. Hydrogels,
which are crosslinked polymer networks swollen with water, can be used to make
soft actuators. However, most gels are relatively homogenous materials which
shrink or swell uniformly, with no dramatic change in shape. Therefore there is
a need to improve the response of gels. Magnetic field sensitive gels in which mag-
netic particles of colloidal size are dispersed and incorporated into the gels have
been developed. These ferrogels combine the magnetic properties of magnetic fillers
and the elastic properties of hydrogel. Shape distortion occurs very quickly and dis-
appears abruptly when the external magnetic field is applied and removed, respec-
tively. When these ferroqels are placed in a magnetic field gradient, forces act on the
magnetic particles and as a result of strong interaction between magnetic particles
and polymer chains, the ferrogel moves as a single unit. Polyvinyl alcohol (PVA)
gel has been used for this application because of its mechanical properties and bio-
compatibility (it has been used, for example, as a synthetic vitreous body to treat
retinal detachment); iron oxide particles are often used as the magnetic material.

17.6 Summary

The phenomenon of magnetism has intrigued and excited scientists for centuries.
Now magnetic biomaterials can fruitfully be applied to a number of biomedical
needs. Applications which are currently being investigated include magnetic cell
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separation, immunoassay, hyperthermia, MRI contrast agents and drug, radionu-
clide and gene delivery. The greatest advantage of such materials is their ability to
respond to and be manipulated by external magnetic fields. Magnetism of an atom
can be thought to arise from uncompensated spins of its electrons. Magnetism asso-
ciated with the proton is much weaker but is used for MRI studies. Magnetic bio-
materials are usually used in particle form and can be ferro-, para-, ferri-, antiferro-
or superpara-magnetic, they are often encapsulated by coatings that can be diamag-
netic; this results in a wide range of magnetic responses to an applied field. The
most common magnetic biomaterials are the iron oxides magnetite and maghamite,
and there is considerable interest in using magnetically superior metals and alloys.
Several magnetic properties are a sensitive function of size. The size can be altered
by changing process parameters or synthesis techniques, and thus magnetic particles
with a wide range of properties can be obtained for a given composition. It has been
found that nanosized particles often possess such properties and considerable effort
is now underway to create commercially attractive applications using such particles.

Since the field of magnetic biomaterials is a rapidly growing, I have relied on
journal, handbook and encylopedia articles the following references are particularly
useful.
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Chapter 18
Specialized Fabrication Processes:
Rapid Prototyping

C.K. Chua, K.F. Leong, and K.H. Tan

18.1 Introduction

Rapid Prototyping (RP), otherwise known as solid freeform fabrication, originally
developed in the late 1980s as a technique for manufacturing engineering, has
evolved rapidly over the years to create a niche in the field of biomedical engineer-
ing. From the manufacturing of medical devices to customized micro-architectural
implants, the manufacturing flexibility and capabilities of RP systems make it one
of the most favorable systems for such biomedical applications.

RP technology made its debut in the market during the late 1980s with the intro-
duction of the Stereolithography system (SLA-1) by 3D Systems Inc. (Valencia,
CA). As opposed to conventional fabrication processes which involve the subtrac-
tion or removal of materials from stock (e.g., conventional machining), casting or
molding (e.g., investment casting, injection molding, etc.), all RP techniques are
material addition processes which employ the same fabrication concept of layer-
by-layer additive building to produce three-dimensional physical parts from wood,
plastics, metals and ceramics. RP fabrication starts with the creation of a three-
dimensional volumetric computer model of the desired part that can be derived
from output data generated by surface digitizers or medical imaging systems (e.g.,
Computed Tomography (CT) or Magnetic Resonance Imaging (MRI)). The digi-
tal model is then mathematically sliced into thin layers having a constant thick-
ness that is user-defined. Using RP fabrication, layers of material representing
the cross-sectional profiles of the desired part as obtained from the computer-
generated slices are formed by processing solid sheet, liquid or powder material
feed stocks. The material layers are automatically and precisely stacked and fused
on top of one another to create the desired physical part. Detailed descriptions of
the principles and operations of the various RP techniques can be found in existing
text [1].

This chapter aims at providing readers with an overview into the biomedical
applications of RP. It would be divided into two main sections: (1) Tissue Engineer-
ing Scaffolds and (2) Prostheses.

R. Narayan (ed.), Biomedical Materials,
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18.2 Biomedical Applications of Rapid Prototyping-Tissue
Engineering Scaffolds

Mankind has always been intrigued by the possibility of being able to grow new,
fully functional tissues and organs to replace damaged, injured, or worn parts of the
human body. It is not until recently that such an aspiration is considered mere sci-
ence fiction when the emergence of Tissue Engineering (TE) has turned this “aspira-
tion” into medical reality [2–4]. The vast interest generated among clinicians as well
as engineers seeking biologic replacements to treat malfunctioned human tissues
and organs rapidly and effectively are incited by the immense potential and promise
to overcome the severe shortage of donor organs and the limitations of alternative
short term therapies including drug, mechanical prosthetics, etc. [5]. The scarcity
of donor organs [6, 7] has created huge demands for laboratory produced biologic
alternatives, and hence, paved the way for unprecedented growth and advances in
TE research and applications.

Scaffold-guided TE is a major TE strategy or approach that is attracting wide
interest and research effort from the scientific community. Scaffold-guided TE can
facilitate the extensive building and growth of cell masses in three-dimensional
forms to achieve successful cell transplantation of either hard (e.g., bone and car-
tilage) [8, 9] or soft (e.g., liver and blood vessels) [10, 11] tissues and organs.
Using this approach, progenitor cells are harvested from the patient or a donor and
expanded in population through cell culture systems [12]. Once sufficient quantities
of cells are obtained, they are seeded directly onto scaffolds that would allow the
cells to attach and proliferate. The cell-seeded scaffolds are subjected to an addi-
tional period of in vitro culturing in an environment (e.g., bioreactors [13, 14])
which mimics the biochemical and physical signals that regulate in vivo tissue devel-
opment, to allow full colonization of the scaffold in order to achieve homogeneous
and healthy tissue regeneration.

This section focuses on the application of Rapid Prototyping for creating such
TE scaffolds. The main objectives are to compile the information available to date
on the characteristics, parameters and applications or potential applications of these
new and novel RP fabrication techniques for scaffold creation and to highlight their
advantages as well as their limitations. The characteristics of the RP-fabricated scaf-
folds are assessed and compared. Research to develop CAD strategies to be applied
in conjunction with RP to design, customize and control the internal architectures of
the scaffolds is also described. It is the authors’ aim to provide the TE community
the essential information on the critical parameters and factors that are to be consid-
ered in choosing the appropriate automated fabrication techniques for specific TE
applications.

18.3 Roles and Pre-Requisites for Tissue Engineering Scaffolds

In scaffold-guided TE, the scaffolds serve as temporary surrogates for the
native extracellular matrix (ECM) that mechanically supports cellular anchorage,



18 Specialized Fabrication Processes 495

reorganization of cells in three dimensions and maintaining differentiated pheno-
types and tissue specific functions once implanted. Scaffolds for TE applications
must be produced from scaffolding materials which exhibit good biocompatibility
and as such are limited to materials that are non-mutagenic, non-antigenic, non-
carcinogenic, non-toxic and non-teratogenic. To date, a variety of naturally-derived
biological substances (e.g., collagens, chitosan, fibrin, etc.) [15, 16] have been used
as scaffolding materials with promising results. The need for large quantities of scaf-
folding materials to cater for clinical applications as well as assurance of pathogen
removal [17, 18] has led to the investigations and inclusions of synthetic biocompat-
ible polymers (e.g., poly(glycolic acid), poly(L-lactic acid), etc.), copolymers (e.g.,
poly(DL-lactic-co-glycolic acid)) [19–21] and bioceramics (e.g., hydroxyapatite, tri-
calcium phosphate) [22, 23] as scaffolding materials. Besides being formed from
a suitable biomaterial, the scaffolds must possess appropriate three-dimensional
forms that are spatially and anatomically consistent with the defect and micro-
architectural properties [24, 25] that will support tissue regeneration. The scaffold’s
micro-architecture affects not only cell survival, signaling, growth, propagation and
reorganization, but also plays major roles in influencing cell shape modeling and
gene expressions that relate to cell growth and the preservation of native pheno-
types [26, 27]. In order for a scaffold to be effective in its intended TE application,
the scaffold must posses a large surface area to volume ratio to achieve high yields
of attached cells [28]. It must also possess a highly porous micro-structure (>90%
porosity [29–31]) with interconnected porous networks that will allow the in-growth
of cells and provide uninhibited diffusion pathways to facilitate nutrient, gas and
waste exchange with cells that have penetrated into the scaffold. In these porous
constructions, the pore sizes must be large enough so that the cells can penetrate
and grow within the pores without occluding the pore spaces [32, 33]. Besides archi-
tectural designs, scaffolds fashioned from degradable biomaterials must be tailored
such that sufficient mechanical strengths are preserved in the degrading construct to
maintain the pore spaces for the in-growth of cells and to support early mobilization
of the implant site.

18.4 Conventional Manual-Based Scaffold Fabrication
Techniques

A wide variety of manual-based fabrication methods and techniques are available
that can be used to transform the biomaterials into scaffold structures [17, 34–37].
These manual-based techniques include fiber bonding [38], phase separation [39,
40], solvent casting with particulate leaching [41], membrane lamination [42, 43],
melt molding [44], gas foaming with high pressure processing [45, 46], hydrocar-
bon templating [47], freeze drying [48, 49] and combinations of these techniques
(e.g., gas foaming with particulate leaching [50], etc.). As different cell types require
different sets of structural requirements, the fabrication techniques mentioned have
been tailored to produce scaffolds with their particular and optimized characteristics
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for specific TE applications. As such, none of the techniques are sufficiently generic
to be suitable for all TE applications. Although most of these techniques have been
used in preliminary investigations for engineering a variety of tissues with varying
degrees of success, most carry some forms of imperfection that restrict the scope
of their applications. The extensive use of porogens and toxic solvents in most of
these techniques results in adverse drawbacks due to the risk of inadvertent residual
solvents and porogen entrapped in the polymer matrix. Another highly detrimen-
tal weakness in manual-based techniques is their high dependency and sensitivity
to manual skills, experiences and procedures, often resulting in poor consistency
and poor repeatability of end results. Other factors such as high labor involvement,
lengthy processing time and poor flexibility to produce complex macro-architectures
lead to increased production costs. The processing procedures, advantages and lim-
itations of the various manual-based conventional fabrication techniques can be
found in several published reviews [34–37].

18.5 Computer-Controlled Freeform Fabrication Techniques
for Tissue Engineering Scaffolds

Although immense research efforts have been placed in developing new biocompat-
ible scaffolding materials and processing techniques for converting such materials
into useful scaffold structures, relatively little work had been carried out towards the
development of rapid and automated procedures for designing and producing TE
scaffolds. Recently, a group of computer-controlled fabrication techniques, namely,
rapid prototyping techniques have been identified and recognized to possess sig-
nificant potentials for TE scaffold fabrication. The manufacturing flexibility and
fabrication capabilities of RP systems permit complex irregular three-dimensional
scaffold geometries with designed or customized internal micro-architectures to be
fabricated. Such capabilities are highly advantageous since the ideal scaffold should
replicate the geometry and size of the patient’s original anatomy and its internal
micro-architecture should support cell proliferation and spreading. The fact that
each tissue and organ in the human body has their own unique geometry which
varies in size between individuals undermines the applicability of most conventional
fabrication techniques which are restricted to the fabrication of scaffolds with highly
simplified geometries. Although the application of RP for the production of TE scaf-
folds is still very much in the laboratories, the vast amounts of interest generated by
RP for TE scaffold fabrication is demonstrated by the number of publications gener-
ated over the last 5 years [51–71]. Research conducted with existing commercial and
non-commercial RP systems has laid down a firm foundation in generating scaffolds
with unprecedented quality, accuracy and reproducibility and is fast establishing RP
as a fabrication method of choice in TE scaffold production.

To date, only a small number of RP techniques have been exploited for scaffold
fabrication. Since most RP systems available commercially are designed to cater
mostly for engineering-related industries, work conducted to date had mainly been
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focused on adapting and modifying such systems for processing biomaterials and
scaffold production. Detailed descriptions of the principles and operations of the
various RP techniques can be found in some publications [1]. The following sections
describe the major RP techniques that have been extensively researched for fabricat-
ing TE scaffolds. The section is divided into three main sub-sections: (1) solid-based
techniques; (2) powder-based techniques and (3) liquid-based techniques.

18.5.1 Solid-Based Techniques

Solid-based RP systems are meant to encompass all forms of material in solid state
that can be in the form of a wire, roll, laminates and pellets. Most of such sys-
tems fabricate parts by means of cutting and joining method or melting and fus-
ing/solidifying method.

18.5.1.1 Fused Deposition Modeling (FDM)

The fused deposition of material technique uses the concept of material extrusion to
deposit thin filaments of liquids, pastes, melts, solutions or reactive material to form
the cross-sectional profiles of the desired part. The technique was originally intro-
duced by Stratasys Inc. (Eden Prairie, MN), as fused deposition modeling (FDM)
and is based on the extrusion of polymer melts. Among the variants of the FDM
technique are fused deposition of ceramics (FDC), precise extrusion manufactur-
ing (PEM), low-temperature deposition manufacturing (LDM), rapid prototyping
robotic dispensing (RPBOD) and Bioplotter. In these techniques, the scaffolding
materials are extruded from a nozzle in thin filament forms known as material roads.
The nozzle is attached to a moving mechanism (e.g., robotic arm, x–y table) that
translates in the horizontal plane to direct the deposition of the material roads onto
a building platform. The material roads are arranged in parallel with a pre-defined
spacing (i.e., raster gap setting) to form the individual material layers which are then
stacked on top of one another to replicate the third (height) dimension of the scaf-
fold object. Variations in the angle or direction of material deposition (i.e., lay down
pattern) for each individual layer can be utilized to create scaffolds with varying
honeycomb-like micro-architectures.

The FDM systems available commercially impose many constraints on scaffold
fabrication. The nature and operating limits of the FDM systems reduce the choice
of scaffolding materials to thermoplastics with low melting points and relatively low
melt viscosities. Further to this, there is a need to convert the polymeric scaffolding
materials which are usually supplied by the material vendors as pellets, powders or
flakes into filament form with good diametrical consistency before they can be pro-
cessed on the FDM. Currently, the FDM had been successfully adapted by Zein et al.
[56] for fabricating poly(ε-caprolactone) (PCL) scaffolds with pore sizes (channel
widths) and porosity values ranging from 160–700 μm and 48–77% respectively
that were subsequently seeded with primary human fibroblast and osteoblast cells
[59]. Complete ingrowth and colonization of the scaffolds by cellular tissues were
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reported after a 3- to 4-week culture period. Cornejo et al. [62] developed the fused
deposition of ceramics (FDC) system which processes ceramic loaded thermoplastic
filaments for producing ceramic scaffolds from β-tricalcium phosphate (TCP). The
polymeric binder was removed via a burnout process and the ceramic component
was sintered at 1250 ◦C to yield scaffolds with minimum pore widths of 300 μm.

To address the limitations imposed on the choice and physical forms of the scaf-
folding materials that can be processed by existing FDM systems, different research
groups have developed their own material extrusion systems that are dedicated for
scaffold fabrication. Xiong et al. [60] developed the Precise Extrusion Manufactur-
ing (PEM) system that is suited for the processing of biopolymers. While the FDM
system requires filament feedstock, the PEM system is capable of accepting poly-
mer powder, pellet or granule feedstock. The pressure to extrude the polymer melt
is generated by compressed air. Xiong et al. utilized the PEM system for fabricating
porous cylindrical poly(L-lactic acid) (PLLA) scaffolds with porosities of around
60.3% and varying channel widths of between 200–500 μm. Further developments
achieved by Xiong et al. [72] led to a low-temperature deposition manufacturing
(LDM) system that was specially developed for producing composite PLLA/TCP
scaffolds for bone tissue engineering applications. The LDM fabrication process
is carried out within a sub-zero environment using a slurry feedstock with a com-
position of 15 wt% PLLA, 15 wt% TCP and 70 wt% dioxane. For their evaluation
hollow tubular PLLA/TCP scaffolds with internal and external diameters measuring
5 and 10 mm respectively and channel widths of 400 μm were produced. The aver-
age porosity of the scaffolds was around 89.6%. To assess their biocompatibility and
efficacy, the LDM-fabricated PLLA/TCP composite scaffolds preloaded with about
150 μL of bovine bone morphogenic protein (bBMP) at 200 g/L concentration were
used to repair a 20 mm segmental defect in canine radiuses. Results of radiology and
physical examinations after 24 weeks of implantation showed complete regeneration
of new bone tissues over the entire scaffold.

Ang et al. [52] developed a rapid prototyping robotic dispensing (RPBOD)
system that is capable of processing gel material feedstocks (chitosan and chi-
tosan/HA mixtures). To evaluate the RPBOD system, rectangular chitosan and chi-
tosan/HA composite scaffolds measuring 5 × 5 × 3 mm were fabricated. In vitro
cell culture studies were carried out to assess the biocompatibility of the scaffolds.
Samples of the scaffolds measuring were seeded with human osteoblast cells and
cultured for a 4-week period. The cells exhibited healthy morphology and strong
proliferative ability throughout the culture period for all seeded scaffolds therefore
ascertaining scaffold cell biocompatibility.

A commercial machine, Bioplotter, developed separately by Freiburg Materi-
als Research Centre, Germany, and marketed by Envision Technologies GmBH,
Germany, [70] has similar design concepts and working principles as the RPBOD
system. The Bioplotter is capable of processing a wide range of biomaterials includ-
ing thermoplastic polymers, reactive resins (i.e., silicone resins), structured hydro-
gels (composed of alginic acid, gelatine, collagen, fibrin or other hydrogels) and
thermoreversible hydrogels. In the Bioplotter setup, an 80-μm needle is employed
as the extrusion nozzle where liquids, pastes, melts, solutions, hot melts, reactive
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oligomers or dispersions which are initially stored in a heated cartridge, are extruded
into a temperature controlled liquid dispensing medium. The dispensing medium
induces solidification of the deposited material by cooling, heating or through chem-
ical reaction. Also, by using a dispensing solution of similar density as the building
material, the buoyancy exerted by the medium on the build can prevent the collapse
of complex structures thus eliminating the need for sacrificial support structures
which are typical in conventional FDM systems.

The authors have successfully built and studied the micro-architectures of differ-
ent scaffold constructions produced using high density polyethylene (HDPE) with
the FDM. These scaffolds were built with lay down patterns supplied in the system
software or from the works of Too et al. [55] and Hutmacher et al. [64]. There are
no restrictions to the number of lay down patterns that can be created by changing
the direction of material extrusion for each consecutive layer of a FDM structure.
However, as demonstrated by Too et al. [55] and Hutmacher et al. [64], the lay down
pattern employed has its own set of mechanical and physical characteristics that may
generate specific or unique cell or host tissue response. The pore interconnectivity
of FDM-fabricated structures is observed from the morphology of a sliced structure
taken at a 90◦ angle to the y-axis (Fig. 18.1).

Although the FDM is capable of fabricating various honeycomb-like architec-
tures, the pore morphologies obtained for FDM-fabricated scaffolds are not consis-
tent along the three dimensions (x-, y- and z-axes) when built using the standard
build patterns provided by the system software as illustrated in Fig. 18.2. The pore
openings facing the z-direction are determined by the lay down pattern employed
during fabrication which is directly controlled by user-defined parameters. Pore
openings facing the x- and y-directions (both are similar) are created by the stacking
of material layers and material layer. In addition, the pore openings in both the x-
and y-directions are partially occluded by the deposited material that bridges con-
secutive roads. A method to circumvent such limitation to attain consistent pore

Fig. 18.1 Micrograph
showing three-dimensional
pore interconnectivity within
FDM-fabricated structure
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(a) (b)

Fig. 18.2 Micrographs showing the inconsistency in pore sizes on the surfaces of a cubic scaffold
when viewed from the (a) z-direction and (b) x- and y-directions

openings along all three axes is to stack consecutive layers of materials that are
built with the same lay down pattern until the desired pore morphology is formed
before changing the lay down pattern for the deposition of subsequent layers. Spec-
imens built using this improved method are presented in Fig. 18.3. Other limitations
encountered with the FDM include the need for supporting structures to be con-
structed alongside scaffold with channels or overhanging features. Moreover, the
need to convert the scaffolding materials to filament forms before FDM processing
increases the risk of material contamination or can cause degradation in material
properties.

A different approach for scaffold production using FDM-fabricated sacrificial
molds in conjunction with casting methods (lost mold technique) to obtain porous
ceramic implants has also been developed. In this process, wax molds made from
a commercial modeling material, ICW06 (Stratasys Inc., MN), were produced on
a commercial FDM system [67]. The molds were designed based on the negative

Fig. 18.3 Micrographs showing the surfaces of a cubic scaffold produced with the improved build-
ing technique when viewed from the (a) z-direction and (b) x- and y-directions
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profile of the desired implant structure. Water-based alumina slurry were infiltrated
into the mold cavities and allowed to dry before the mold is pyrolyzed. The resulting
ceramic structure was then sintered at a higher temperature. Sample scaffolds with
porosities between 33% and 50% and various pore sizes ranging from 300 to 750 μm
have been fabricated with this method. In order to convert the bioinert alumina
implants into bioactive and osteo-conductive devices, the implants were dip-coated
with HA [73] and fired to consolidate the coating. In vitro cell culture assessment
carried out with human osteosarcoma cells yielded high numbers of attached cells
and good uniformity in the distribution of the attached cells throughout the entire
structure of the implants.

18.5.1.2 ModelMaker II (MM II)

The machine, developed by Sanders Prototype, Inc. and currently distributed by
Solidscape, Inc., employs two ink-jet type printing heads to build models. One head
deposits the thermoplastic building materials while the other deposits supporting
wax. The liquefied build material cools as it is ejected from the print head and solid-
ifies upon impact on the model. After the layer is completed, a horizontal cutter is
employed to flatten the top surface before the process repeats itself till a complete
model is obtained.

In recent years, MM II has been employed to fabricate a negative mold to create
the TE scaffolds in which biomaterials were cast into the mold to obtain biocom-
patible scaffolds [74–76]. Limpanuphap et al. [74] obtained a suspension comprised
of tricalcium phosphate in diacrylate cross-linking monomers to form a gel and cast
into the mold. The scaffolds were then removed by selective dissolution of the mold
in acetone to obtain porous scaffold. The scaffold was subsequently sintered in an
oven to burn out the polymeric binder. One key disadvantage of this method was
the significant shrinkage after the polymer removal and sintering with a reported
shrinkage of up to 22%. Taboas et al. [75] combined conventional techniques such
as porogen leaching and phase separation with MM II to create porous scaffolds. In
an indirect approach, a negative mold was obtained through MM II and thereafter
cast with polymer-ceramic composite. The main difference between this approach
and the one by Limpanuphap et al. was the usage of computer-aided software to cre-
ate a global porous scaffold with pre-determined internal pore architecture and the
use of salt particles to create local pores by means of porogen leaching technique to
obtain porous scaffolds. In a similar manner, the polymeric composite comprising
of PLA and HA together with sieved salt particles were cast into the mold. Using a
lost mold technique, the mold removal was done via melting or dissolution to obtain
the porous scaffolds. Likewise, fabrication through this technique yielded shrink-
age of up to 50% in volume. In addition, both works used organic solvents in the
fabrication process. Varying internal channels for the molds were fabricated in the
research work by Sachlos et al. [76] in similar manner but using different casting
materials. The two main disadvantages in these works were the two-step approach
in fabricating the scaffolds and the high shrinkage generated by these scaffolds.
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Recent researches have explored the potential of MM II further by developing
a similar machine that used the concept of dual print heads, if not, multiple print
heads, to “print” organs directly circumventing the needs to have a template or scaf-
fold for the cells to grow and proliferate [77–79]. Biomaterials such as collagen and
possibly cells can be introduced into the print heads and the direct printing of organs
and the seeding of cells can be carried out simultaneously. However, this method
needs to be explored further and is only applicable to soft tissues at this stage and
hence may not be suitable for anchorage-dependent cells that often rely on three-
dimensional scaffolds to guide cell proliferation. However, the author believes that
the potential of this method can be extended to such anchorage dependent cell types.

18.5.2 Powder-Based Techniques

Though powder-based systems are strictly considered as solid-based because they
are in solid state, it is intentionally created as a category to highlight the fusion
techniques employed to fuse them together which often includes binder or laser.
This category is meant to mean powder in grain-like form.

18.5.2.1 Three-Dimensional Printing (3D-P)

The 3D-P technique employs ink jet printing technology for processing powder
materials. The versatility and simplicity of 3D-P allows the processing of a wide
variety of powder materials including polymers, metals and ceramics. During fab-
rication, a printer head is used to print a liquid binder onto thin layers of powder
following the object’s profile as generated by the system computer. The subsequent
stacking and printing of material layers to the top of previously printed layer recre-
ates the full structure of the desired object. The completed object is embedded inside
a cake of unprocessed powders and is extracted simply by brushing away the loose
powders.

3D-P is perhaps the most widely investigated RP technique for scaffold fab-
rication. Kim et al. [69] employed 3D-P with particulate leaching technique
to create porous polylactide-coglycolide (PLGA) scaffolds with interconnected
800-μm porous channels and microporosities of 45–150 μm. The scaffolds were
subsequently seeded with hepatocytes (HCs). The successful attachment of a large
numbers of HCs to the scaffolds’ surfaces and in-growth of HCs into the pore
spaces of the scaffolds were reported. Zeltinger et al. [61] successfully built
poly(L-lactic acid) (L-PLA) scaffolds with varying pore sizes (38–150 μm) and
porosities (75–90%) to investigate the influence of scaffold microstructure on the
adhesion, proliferation and matrix deposition of canine dermal fibroblasts, vas-
cular smooth muscle cells and microvascular epithelial cells. Cell culture results
demonstrated the suitability of scaffolds built with 3D-P in supporting cell prolif-
eration for the different cell types. Park et al. [70] investigated using 3D-P with
surface modification methods to create scaffolds with controllable poly(lactide-
co-glycolic)/poly(L-lactide) (PLGA/PLLA) anisotrophic microstructures and
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regionally selective scaffolds with diverse receptor systems to enable selective cell
adhesion. Lam et al. [54] developed a blend of starch-based powder containing corn-
starch (50%), dextran (30%) and gelatin (20%) that can be bound by printing dis-
tilled water. However, to improve the strength and water resistance of the scaffolds,
a secondary infiltration process with copolymer solution consisting of 75% poly(L-
lactide) acid and 25% polycaprolactone in dichloromethane is necessary.

One other application of 3D-P in the fabrication of scaffolds was to print a blend
of cellulose and starch powders containing 40 and 50 wt% HA loading. A water-
based polymeric solution was employed as the binder in producing the scaffolds.
The structures obtained yield high degrees of pore interconnectivity within the scaf-
folds. Control of the scaffolds’ microstructural characteristics can be achieved by
varying the printing speed, the flow rate, drop position of the liquid binder and
the particle size distribution and composition of the powders. As 3D-P fabrication
involves the utilization of a powder bed, a scaffold with complex shapes containing
overhanging or hollow features can be carried out since the unprocessed powders
surrounding the part can provide the necessary support for such features. The sim-
plicity and versatility of 3D-P allow the processing of a wide range of biomaterials
including polymers and ceramics. As 3D-P fabrication is conducted at room tem-
perature, the processing of temperature sensitive materials can be conducted.

Limitations encountered with 3D-P-fabricated scaffolds using the standard build-
ing styles provided by the system software include the limited pore sizes achievable
(<50 μm) and their widely distributed values. More consistent pore sizes includ-
ing larger pores can be generated by mixing porogens (with pre-determined sizes)
into the powders prior to scaffold fabrication [61, 69]. Despite the improvements
achievable with porogens, their application carried the risk of inadvertent residues
remaining within the scaffolds as a result of incomplete leaching. For producing
polymeric scaffolds, the use of organic solvents as binders to dissolve the poly-
mer powders in the printed regions will create difficulties in solvent removal and
risks of residues. However, the formulation and application of water based binders
and specialized powder blends as described previously may lead to the elimination
of solvent application. The use of water-based binders in conjunction with room
temperature processing may also allow the incorporation of biologically active and
pharmaceutical agents into the scaffolds during fabrication [54, 61]. The mechanical
properties and accuracy of 3D-P-fabricated scaffolds are other considerations that
need to be further addressed [71].

18.5.2.2 Selective Laser Sintering (SLS)

The SLS technique employs a carbon dioxide, CO2, laser beam to sinter selectively
thin layers of powdered polymeric materials. The powders which are pre-heated
to a temperature close to melting point will encounter a rise in temperature beyond
melting point when exposed to the laser spot, causing them to melt and fuse together
into a solid mass. Subsequent layers of powders that are sintered directly on top of
previously formed layers will cause the fusion of adjacent layers to form the height
of the build object.
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Lee and Barlow [80, 81] developed various forms of poly(methyl methacrylate-
co-n-butyl methacrylate) (PMMA) coated calcium phosphate powders for process-
ing on a commercial SLS system for producing ceramic scaffolds for hard tissue
regeneration. The SLS-fabricated parts were fired in a furnace to remove the poly-
meric binder and subsequently to sinter the ceramic structures. To improve the
density and strengths of the ceramic structures, infiltration of the structures with
a phosphoric acid based inorganic cement was carried out before and after the sin-
tering cycle. The final ceramic scaffolds were reported to possess pore sizes ranging
from 60 to 200 μm and an overall porosity of about 30%.

Biocompatibility assessment conducted by implanting SLS-fabricated oral
implants on the dog model revealed excellent integration of the implant with the
host bone after only 4 weeks of implantation.

In the authors’ current research [82, 83], an investigation is being conducted
to identify and assess the suitability of different biopolymers for processing via
the SLS technique. So far, preliminary sintering experiments conducted on a com-
mercialized SLS system, Sinterstation 2500 (3D Systems, Valencia, CA, USA),
have ascertained the feasibility of processing poly-L-lactide acid (PLLA), poly-
caprolactone (PCL) and polyetheretherketone (PEEK) powder stocks with varying
degrees of success. Figure 18.4 illustrates the microstructures of SLS-fabricated
scaffold specimens produced from the sintering of PEEK powders and a powder
blend of PEEK/HA. Figure 18.5 presents the microstructures obtained from the
sintering of PLLA and PCL powders. Due to the use of powder stocks and the
relatively low compaction forces exerted on the powder bed during the layering
of the powders, high porosity and pore interconnectivity were obtained for all the
specimens. The porosity of the specimens can be changed by varying the SLS pro-
cess parameters such as laser power (or exposure density), scan speed and part bed
temperature. Similar to the 3D-P technique, the SLS is highly capable of produc-
ing scaffolds with irregular three-dimensional shapes including structures contain-
ing channels and overhanging features due to support provided by the powder bed.

(a) (b)

Fig. 18.4 Microstructure of SLS-fabricated scaffolds, (a) PEEK and (b) PEEK with 10 wt% HA
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(a) (b)

Fig. 18.5 SLS-fabricated scaffolds obtained from the sintering of (a) PLLA and (b) PCL powders

Other advantages of SLS for polymer processing include the fact that it is solvent
free and does not require any secondary binder system, hence, minimizing any risk
of material contamination.

Limitations encountered with the SLS technique include the fact that the pores
created in SLS-fabricated scaffolds are dependent on the particle size of the powder
stock used and the compaction pressure exerted onto the powder bed while deposit-
ing the powder layers. As with the scaffolds fabricated by 3D-P, scaffolds fabricated
by SLS possess pores with sizes that are distributed over a wide range of values.
Since the SLS technique involves high processing temperatures, the technique is
limited to the processing of thermally stable polymers.

18.5.3 Liquid-Based Techniques

Liquid-based RP systems have the initial form of its material in liquid form.
Through a process known as curing, the liquid is converted into solid state hence
the physical part is obtained.

18.5.3.1 Stereolithography Apparatus (SLA)

The SLA process, a liquid based rapid prototyping system, builds parts in a vat of
photo curable liquid resin that solidifies upon exposure to laser radiation usually
in the UV range [1]. The process begins with the vat filled with the photo curable
liquid resin and the elevator table set just below the surface of the liquid resin. The
computer-controlled optical scanning system then directs the focused laser beam so
that it solidifies the two dimensional cross section corresponding to the slice data on
the surface of the resin to a depth greater than one layer thickness with the elevator
descending with each layered scanned. The elevator table then descends enough to
cover the solid part that is just fabricated with another layer of resin on the surface.
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The laser proceeds to draw the next layer and the process is repeated until the whole
part is fabricated.

Research on SLA using ceramic materials [84–87] shows the feasibility of
using ceramic in SLA systems. Brady et al. [84] and Hinczewski et al. [85] in
their research used a ceramic suspension containing alumina powder, UV curable
monomer, diluent, photoinitiator and dispersant in the process to produce three-
dimensional ceramic parts. Upon polymerization, the photopolymer was subjected
to heating to remove the organic phase. Subsequent sintering (by means of heat-
ing) was carried out to obtain the final dense ceramic piece. The key requirement
in these researches is that the suspension must be UV curable that is required for
all stereolithography (SL) processes. Other concerns include the ability to obtain a
resin with a low viscosity (1,200 cps or less [88]) and a curing depth sufficient for
typical layer thickness of 100 μm [1].

In the need to seek for alternative materials to be used on SLA, various research
teams looked into the possibility of using HA [88–90] and polymers such as poly
(propylene fumarate), PPF [91]. Chu et al. [88, 89] in their research explored
the possibility of using an aqueous HA suspension in acrylamides to fabricate
custom made ceramic implants by SL. By using different volume percentage of
HA powder and different weight percentage of dispersant, different varying vis-
cosities of the resin were obtained. A higher volume percentage of HA pow-
der would result in a higher viscosity making it impossible to be used for SL.
Parts fabricated using ceramic suspensions tended to be non-porous which are
not desirable for tissue scaffolds because a porous structure is required for cell
proliferation.

Hollister et al. [90] combined an image-based approach (based on Computed
Tomography (CT) or Magnetic Resonance Imaging (MRI) data) with SLA to fabri-
cate custom designed TE scaffolds for application in craniofacial surgery. Computer
software was used to read the CT data of the area of defect that was to be recon-
structed and the data was regenerated to form the external shape. With the shape
of the defect obtained, internal pore architecture based on the defect was generated
taking into consideration crucial factors such as tissue infiltration and mechanical
behavior and was combined via Boolean combination to obtain the image of the
scaffold. The image of the scaffold was exported to a format readable by SLA (in
this case .stl) and was ready to be fabricated using the two techniques proposed by
the team. In the first technique, casting used as HA slurry was poured into the molds
that were fabricated by SL and cured. The second technique used by the team is sim-
ilar to the one carried out by Chu who is also a member of this research team. Both
techniques are capable of fabricating scaffolds that allow control over the external
shape as well as internal pore architecture.

The presence of double bonds in PPF allows the polymer to be cross-linked into a
solid using a thermal initiator making it a suitable material for use in SL for the work
carried out by Fisher et al. [91]. Soft and hard tissue response to the scaffolds was
investigated upon in a rabbit model and results showed that such scaffolds elicited
a mild tissue response in both soft and hard tissue making PFF a viable material for
use in TE.
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Due to the need to obtain resins that are UV curable, the application of SL on TE
is limited. Furthermore, the process involves various other sub-components (such
as diluent and dispersant) making it a tedious and complex process if HA powders
are to be introduced. This inevitably prolongs the fabrication time because parts
fabricated by SL process needs further curing in the UV chamber. The usage of
organic solvent also hinders its application for TE scaffolds. Like FDM, SL process
would include the need to allocate supports in parts with overhang that need to be
removed during the post processing stage.

18.5.3.2 Rapid Freeze Prototyping (RFP)

Rapid Freeze Prototyping (RFP) [92–95], a liquid based RP technique, employs
water as its building material. Like most RP techniques, RFP fabricates parts by
depositing water droplets layer by layer till the final shape is obtained. The building
material is pumped from a reservoir of water to the nozzle and is deposited onto the
previously solidified ice surface. The low temperature environment and the previ-
ously solidified ice surface allow the deposited water droplets to solidify rapidly and
hence stick to the previous layer. In order to ensure that the flow of water is smooth,
the nozzle and pipes are maintained at a temperature just above the freezing point
of water. Similar to FDM, RFP also employs a support material which in this case
is a solvent with a melting point that is lower than water hence allowing the easy
removal of supports at a sub zero environment.

As RFP is a relatively new RP technique developed in the late 1990s in a joint
effort between Tsinghua University in China and University of Missouri in Rolla
(USA), publications in the field of TE with respect to RFP techniques remain lim-
ited. Feng [95] in her thesis examined the possibility of building TE scaffolds on
RFP by using composite materials comprising of poly (L-lactic) acid (PLLA) and
nano-HA-collagen as the materials for scaffolds. In her approach, water was used as
supports for creating the scaffolds. Water droplets were deposited onto a flat surface
in an alternate direction. Upon forming the first layer of the ice pattern, the compos-
ite materials which were dissolved in an organic solvent were extruded into the gaps
between each ice pattern and were subsequently milled to form a flat surface before
another layer of ice pattern was formed in the opposite direction. Using the same
techniques, the process was repeated till a three-dimensional scaffold was obtained.
Thereafter, the ice pattern was melted leaving behind a porous three-dimensional
structure comprising of PLLA and nano-HA-collagen structure. The thesis reported
pore sizes ranging from 500 to 1000 μm which are adequate to promote cell pro-
liferation of bone tissues. Furthermore, pore sizes can be varied by changing the
width between the ice lines making RFP advantageous as compared to conventional
techniques of building scaffolds whereby consistent pore sizes have always been a
concern.

The potential of using RFP in TE is greatly enhanced by the abundant avail-
ability of water and the non-toxic effect of water makes it a suitable material in
building scaffolds. The low temperature environment where the fabrication process
is carried out minimizes degradation or decomposition of the materials in use and
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the bioactivity of the materials are not affected. In addition, RFP does not require
additional support materials as water itself is used as the supports. One of the dis-
advantages of this technique lies in the necessity to operate in a low temperature
environment making it costly to maintain such a facility. Furthermore, the set-up is
difficult to operate as care has to be taken in ensuring the right ratio of the in-nozzle
material flow rate to XY scanning speed [92]. If the ratio is too large, excess mate-
rials are extruded resulting in parts being distorted and out of proportion. On the
other hand, a low ratio would result in inconsistent extrusion of the materials result-
ing in incomplete forming of the fabricated parts. Like most current RP techniques
in use, RFP requires the usage of organic solvent to dissolve PLLA and nano-HA-
collagen to obtain a slurry that is used to filled up the gaps within the ice patterns.
The usage of organic solvent remains a concern as the work carried out did not fur-
ther investigate the effect of the organic solvent on tissues. As the structure obtained
was highly porous, the lack of mechanical strength limited the scaffolds to low load
bearing tissues.

While each RP system has its advantages and disadvantages, most RP systems
that are currently in used for TE scaffolds required the usage of organic solvent
which is undesirable. Table 18.1 presents the advantages and disadvantages of each
technique.

18.6 Development of CAD Strategies and Solutions
for Automated Scaffolds Fabrication

Research on RP techniques for scaffold fabrication has ascertained their potential
in overcoming many of the limitations encountered using manual-based fabrica-
tion techniques. Among the main advantages derivable with RP is the ability to
produce spatially and anatomically accurate scaffolds with complex irregular three-
dimensional geometries. However, currently available RP systems are optimized
for producing highly dense prototypes for engineering applications and as such are
limited when it comes to the fabrication of porous structures with consistent pore
morphologies and characteristics that are essential for TE scaffolds. Therefore, to
enhance better RP scaffold fabrication, new building strategies would have to be
developed. One solution is to design the internal micro-architecture of the scaf-
folds using CAD modeling before committing the scaffold designs to RP fabrication
[63, 96, 97]. However, due to the minute and intricate details of possible scaffold
micro-architectures, preparation of the computer model of the scaffold using tra-
ditional CAD techniques for RP fabrication can be extremely prohibitive even at
the hands of experienced CAD operators. The task of having to design, assemble
and integrate individual pore geometries to form a consolidated three-dimensional
architecture can be highly tedious and time-consuming making the entire process
impractical for supporting customized production. The need to shape the assembled
micro-architectural design to conform to the anatomic shape of the organ or tissue
adds to the difficulty of CAD modeling.
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Table 18.1. Advantages and disadvantages of RP techniques

Process Materials Advantages Disadvantages

FDM Thermoplastic polymers,
ceramics

100% interconnected
porous structure; no
trapped material problem

Requires support structures;
high heat effect on raw
materials; usage of
organic solvents; unable
to build complex
structures

MM II Thermoplastic polymers,
biodegradable
polymers, collagen

Wide range of material
choice, able to fabricate
porous structure

High shrinkage, dual step
fabrication process

SLA Polymers, ceramics 100% interconnected
porous structure; no
trapped material problem;
capable of producing very
fine features

Requires support structure;
limited material choice

RFP Water Able to vary pore sizes Needs organic solvent;
limited material choice;
needs to operate in a low
temperature environment

3DP Polymers, ceramics,
starch, metals

100% interconnected
porous structure; no
heating of powders
necessary; wide material
choice

Trapped materials in the
interior may be difficult to
remove; lack of
mechanical strength as no
chemical bonding is
involved

SLS Polymers, ceramics,
metals

100% interconnected
porous structure; wide
material choice; able to
build intricate complex
structures

Trapped materials in the
interior may be difficult to
remove

In order to overcome the complications of the CAD modeling process, several
automated image-based approached for scaffold assembly had been reported. In the
work carried out by Hollister et al. [63] which is focused on the fabrication of scaf-
folds for bone tissue engineering in craniofacial reconstructive surgery, a digital
model possessing the external shape of the defect is first reconstructed based on sur-
face profile data acquired at the region of interest on the patient using CT or MRI
scans. An internal micro-architecture model is then created using voxel density dis-
tribution approach. Both the defect model and the micro-architectural models are
then combined to create the final scaffold model which is then fabricated on an RP
system.

The authors have developed an automated image-based technique [96–98] that
can be used to construct and assemble scaffold micro-architectures from a set of
selected polyhedral shapes to yield open cellular solids that can be applied for
TE applications. Figure 18.6 presents the process chain for the automated process.
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Fig. 18.6 Process chain for
automated approach to
scaffold fabrication

To allow a wide range of scaffold micro-architectures to be generated, a paramet-
ric library of open polyhedral unit shapes was first established. With the library,
the user is given the option to select the shape of the polyhedral or combinations
of polyhedras to be used and to size the selected polyhedras to yield the correct
pore sizes. Control is also provided for the user to determine and build model with
desired surface area to volume ratio, porosity and pore sizes of the scaffold that can
be assembled from the selected polyhedra.

Once an appropriate polyhedra unit shape has been selected and sized, a scaf-
fold assembly algorithm is developed to assemble and link multiple copies of the
selected and modified polyhedra shape into a three-dimensional scaffold structure
that conforms to the external surface profiles of the defect. Figure 18.7 presents the
CAD images of several assembled structures that were generated using the scaf-
fold assembly algorithm and photographs of their physical counterparts that were
fabricated using the SLS as compared to a millimeter scale rule. The assemblies
shown in Fig. 18.7a,b were obtained by combining two different polyhedra forms
using an alternating pattern arrangement while the assemblies shown in Fig. 18.7c,d
were assembled from a single polyhedra form. High macro-porosity values ranging
from 83% to 93% are achieved with the different cell configurations presented in
Fig. 18.7. This is done without encountering any adverse effects on the structural
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(a) 

(b) 

(c) 

(d) 

Fig. 18.7 CAD generated
scaffold assemblies and their
RP fabricated counterparts.(a)
Octahedron-tetrahedron. (b)
Octahedron-truncated cube.
(c) Square prism. (d) Square
pyramid

integrity of the RP fabricated structures. Figure 18.8 presents a scaffold structure
that was assembled to conform to the external and internal shape of the bone seg-
ment shown in the same figure.

Besides the benefits of RP fabrication that have been described earlier, the appli-
cation of CAD strategies for designing scaffold micro-architectures will enhance
the capabilities of the RP techniques. With such strategies, a wide variety of inter-
nal architectural designs to facilitate experiments that can be used to characterize
the different micro-architectures can be derived. The results of such experiments
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(a) (b)

Fig. 18.8 (a) Surface model for bone segment reconstructed from CT data.(b) CAD-generated
scaffold structure for the bone segment

are necessary inputs for determining the optimal parameters to be used in the RP
process and cell culture. The wide variety of internal micro-architectures will also
facilitate in vitro and in vivo experiments to determine the suitability and to optimize
the designs of the various micro-architectures for different TE applications.

18.7 Prostheses

Prostheses are man made substitutes fabricated for body parts that have been
removed either for traumatic or medical reasons. The main aim of prosthesis is
to help a person appear as if the body part has not been removed, hence restoring
the confidence of the person in their social lives. While there are numerous pros-
theses such as hip, artificial legs, breasts or facial, this section will only explore the
applications of RP techniques on facial prostheses.

Facial deformities due to acquired (e.g., surgical excision of diseased tissues or
trauma) or congenital (e.g., microtia) causes have always been a concern for plastic
surgeons. Patients with defects in the facial region may often be subjected to ridicule
or self-isolation and very often prostheses would be required to provide psychologi-
cal benefit in the rehabilitation of the patient. With the advancements in modern sur-
gical procedures, instruments and equipment, plastic surgery may improve a defect
in the facial region, but in some cases, it may not be possible to create the lost
anatomy with sufficient detail. In addition, patients who do not have the option of
surgery due to age, medical condition and preference of the patients, or in cases
whereby surgery would not yield satisfactory results, facial prostheses seem to pro-
vide the best esthetical solution.

In this section, an integrated manufacturing system for producing extraoral facial
prostheses utilizing laser surface scanning/digitizing, computer-aided design (CAD)
(e.g., three-dimensional modeling) and computer-aided manufacturing (CAM)
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(e.g., rapid prototyping, RP) technologies is introduced [99–102]. Two case studies
involving the making of different facial prostheses (forehead and auricular prosthe-
ses) using the integrated manufacturing system are briefly described.

18.7.1 Integrated Approach to Prostheses Production

The integrated approach encompasses a series of steps (Fig. 18.9) that include (1)
data acquisition, (2) CAD remodeling, (3) fabrication of prosthesis via RP and (4)
trial fitting and casting of actual prosthesis.

18.7.1.1 Data Acquisition

The first step in the integrated approach is to obtain topographic data of both the
defective region and a healthy “donor” organ upon which the design of the prosthesis
would be based. In order to capture anatomic details and profiles, surface scanning
is carried out by means of a laser surface scanners or digitizers. Surface scanning is
being used more frequently now in the medical field and its usefulness is evident in
studies related to data capture of surface morphology and quantitative assessment
of surface changes. Data obtained from such surface scanners are three-dimensional
point cloud data sets stored in various formats (e.g. IGES, DXF, ACIS, etc.). Such
data are read by specialized CAD software so as to reconstruct the surfaces of the

Fig. 18.9 Process chains
of the new integrated
manufacturing system



514 C.K. Chua et al.

scanned object from the output digitized data to yield a computer model of the
object that can then be exported to the relevant RP systems. One key advantage of
such scanners is that the digitizers utilize low power lasers that produce no harmful
radiations. Moreover, scanning times are in the order of 0.6–7 s per scan which
eliminates the need for the patient to remain perfectly still for a lengthy period
of time. However, one of the limitations with most surface scanners is the need
for special darkroom environment or special rooms with the scanning components
forming permanent fixtures in these environments.

18.7.1.2 CAD Remodeling

CAD software is often utilized to edit and manipulate the point cloud data gener-
ated by a digitizer. The ability of such software to convert CAD models to STL data
format is important since the STL format is the de facto standard for data interfac-
ing between CAD and RP systems. Although most CAD software are capable of
generating STL data, not all are capable of reading-in, editing or manipulating STL
data. As such, the authors have used Surfacer Version 9 (Imageware Inc., USA) for
the purpose of their research. The point cloud data is triangulated or polygonized
to reconstruct the surface profiles of the site of deformity or the facial organ. Any
missing data patches or blind spots on the polygonized point cloud model can be
regenerated using a number of CAD editing and data manipulation methods. The
computer models generated by both techniques are converted into STL data for fab-
rication in an RP system.

18.7.1.3 Fabrication of Prosthesis Via RP

Most RP systems generally adopt the additive fabrication technique whereby the
part to be fabricated is built layer-by-layer. The individual layer is represented and
determined by its corresponding slice file that stores the geometric detailed data of
the model to be built. For the purpose of discussion in this section, Selective Laser
Sintering (SLS) would be described.

18.7.1.4 Casting of Actual Prosthesis

Casting of the prostheses starts from the master model of the prototype. Vacuum
casting is often preferred in prototype making because low cost components can
be obtained. Furthermore, slight adjustments to their shapes which can be achieved
by removing materials or adding wax where desired, are conducted to improve the
comfort of the prostheses. The RP-replicas can also serve as patterns to produce the
negative molds necessary to cast the actual prostheses.
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18.8 Case Studies

The authors have focused on producing facial prostheses using computerized imag-
ing techniques, CAD and RP on facial organs (such as ear) and deformity (forehead)
in their research [101, 102].

18.8.1 Case Study 1: Prosthetic Ear

In this case study, the patient suffers from unilateral microtia involving the total loss
of the right external ear. As such, the profile of the deformity as well as the patient’s
contralateral external normal ear were scanned using the laser digitizer. For the pur-
pose of comparison between the healthy ear and the prosthetic ear that is to be
created, the anterolateral and posterior surfaces of both sides of the normal ear were
scanned. Figure 18.10a shows the point cloud data of the healthy ear as acquired
by the digitizer and Fig. 18.10b illustrates the application of the three-dimensional
curve generation technique in Surfacer Version 9.0 environment to restore missing
areas that were not captured during scanning. Figure 18.10c shows the fully patched

(a) (b)

(d)(c)

Fig. 18.10 a Point cloud data
of the healthy ear. b Surface
regeneration using
three-dimensional curve
generating technique. c
Completed CAD model
(before mirror-imaging). d
SLS-fabricated pattern
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and completed computer model of the ear. Upon the completion for the patching of
the point cloud data in the Surfacer Version 9.0 environment, the completed model
was mirror-imaged to obtain a contralateral version, which provided for the pros-
thetic ear pattern to be fabricated. A point to note is that, in order to create an accu-
rate prosthetic ear with good surface fitting attributes, the positioning and fitting of
the prosthesis was conducted in the CAD environment. Factors taken into consid-
eration in creating a natural looking prosthesis include the inclination of the ear,
the size and the degree of erection. Moreover, to ensure perfect fitting between the
under-surface of the prosthesis and the face of the patient, the surface profile of the
site of deformity was extracted and used to create the under-surface of the pros-
thetic ear model. When a satisfactory model of the prosthetic ear was reached, it
was converted into the STL format and fabricated using the SLS system.

Figure 18.10d presents the prosthetic ear pattern built from polyamide
(DuraformTM, 3D Systems Inc., USA) material. It was observed that the undercuts
around the helix and concha regions of the ear were reproduced with high degrees
of realism using the surface patching technique. The duration of the entire process
from data acquisition to completion of the pattern was approximately 5.5 h including
the 3-h SLS fabrication time.

18.8.2 Case Study 2: Prosthetic Forehead

For this case study, the patient has a congenital defect in the form of a depression
on her forehead. The objective was to create a forehead prosthesis that can be worn
by the patient to cover the depression. Conventional procedures for such deformity
include facial implants or local flap [103, 104]. The first technique, facial implants,
requires the raising of skin flap down to the skull bone. Thereafter, a pocket is cre-
ated and the implant, usually made of silastic or methylmethacrylate, is embedded
into the pocket. The implant is anchored in place by placing sutures around the
enveloping muscles and tissues. After ensuring that the implant is secured, the skin
flap is returned to its original position. In the second technique, areas such as the
supraorbital and supratrochlear vessel-based island flap are used to cover the unilat-
eral forehead defects. Detailed pre-operative dimensioning is needed to determine
the size and shape of the forehead skin to be replaced by portion of the forehead
island flap. Full thickness of skin is incised around the inverted pattern of the defect,
outlining the skin portion of the island flap [104]. Such conventional techniques are
often dependable on the condition of the patient as well as the availability of donor
site for such operations. Furthermore, such surgical procedures often require up to
3 h. Compared to the conventional procedures, RP fabricated prosthetic forehead is
non-invasive hence reducing the duration of the surgical procedures and recovery
time for the patient.

This particular prosthesis presents a challenge to the CAD operator as the profile
of the forehead prosthesis had to be empirically recreated based on anthropometrical
measurements and visual assessments made at the site of deformity. A full-face
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scan was conducted on the patient using a hand-held laser scanner to obtain the
full profile of the depression. The scanned data was then imported into Surfacer
software environment where it was triangulated to generate the surface model of the
patient’s face. Figure 18.11a shows the surface model generated using Surfacer with
the congenital forehead depression visible on the patient’s left.

The facial profile on the unaffected side of the patient’s forehead was extracted
and mirror-imaged to serve as a template for the CAD operator to capture and
recreate the profile of the missing forehead. Using the CAD tools in Surfacer, the
forehead prosthesis was created based on the boundaries as defined in Fig. 18.11b.
Surface lofting was then used to generate a series of external surfaces as well as the
under surfaces of the forehead prosthesis based on the set of defined curves which
can be further adjusted to match the profile of the forehead depression. The realism

(a) (b)

(c)

Fig. 18.11 a Subject with congenital forehead depression. b Creating the forehead prosthesis via
three-dimensional surface patching. c Model of forehead prosthesis fitted onto the patient’s face
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of the prosthesis was enhanced with the aid of the unaffected side of the patient’s
forehead as the external surface contours of the prosthesis were adjusted to match
the curvature of the unaffected side.

This was made possible in the Surfacer environment as the prosthetic model can
be viewed from different projection angles to assess its fitting and to assist in car-
rying out editing works to smoothen or camouflage the junction lines formed at the
edge of the prosthesis when it is worn by the patient. This was carried out to create
the illusion of a continuous forehead surface. By doing so, the edges of the resulting
prosthesis model are usually thin in order for the prosthesis to blend flawlessly onto
the face of the patient. Figure 18.11c shows the completed model of the prosthesis
fitted onto the patient’s face.

As thin edges were noted on the prosthetic forehead, the direct fabrication of
the prosthetic forehead would result in a RP-fabricated pattern with edges that were
brittle and hence easily damaged through handling. Hence, instead of creating a
master pattern to cast a silicon rubber mold to produce the actual prosthesis, the
direct mold production approach was followed to produce a negative RP-fabricated
mold set for casting the forehead prosthesis. Fabrication of the mold set was carried
out on a SLS system (Sinterstation 2500, 3D Systems Inc., USA) to yield a negative
mold that can be cast using silastic material to obtain the prosthetic forehead.

18.9 Conclusion

The biomedical applications of RP in two main fields have been explored. The
applications of scaffolds fabricated using conventional, manual-based fabrication
techniques are limited due to imperfections encountered in their macro- and micro-
architectures and the poor flexibility and control offered by the fabrication tech-
niques. Computer-controlled fabrication via RP technology has been recognized
and established as having the potential for providing a generic solution in automat-
ing customized scaffold production. A review of the different RP methods that have
been evaluated and employed for scaffold fabrication together with the work con-
ducted by different research teams worldwide has been presented. The use of image-
based approaches and CAD strategies for designing scaffold structures also has been
highlighted and discussed. It is clear that the application of RP techniques in con-
junction with the proposed building strategies will enable new cost-effective and
rapid solutions to customize ‘made-to-order’ scaffold production to meet the needs
of most TE applications.

Furthermore, the integration of a manufacturing system consisting of a laser digi-
tizer, CAD software and RP system for making facial prostheses was detailed. From
the case studies presented, it can be noted that the novel integrated manufacturing
system is able to shorten the time needed to acquire digitized data of a patient’s
facial deformity, as well as to minimize patient involvement throughout the prosthe-
sis fabrication process. The application of computer-aided techniques will undoubt-
edly allow reproducible and consistently high quality prostheses to be achieved.
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Chapter 19
Manufacturing Issues

David Hill

Welcome to the jungle, which is exactly what happens once involved in medical
products and their application. Sorry – it would probably be more accurate to say a
minefield within a jungle, but now with someone offering a pathway through.

Patents. First step – protection from competition, ways to look after innovative
ideas, advice on how to proceed.

It is not intended to provide legal or professional advice regarding the protec-
tion of completed work, just a set of simple steps which will allow the oppor-
tunity to decide what to do or when it is time to consult an “expert” or proper
authorities. Should $2,000 be spent on patents for 1 year or $200 on copyright
for 10; or should design registration be first?, last?, or bothered with at all?
What needs to be protected?, the visual aspect, the chemical make up?, the man-
ufacturing process? Or better still just lie and guarantee some financial reward
for the next 25 years? – now recently changed so say 20, well actually really
15 to all intents and purposes if licenses and technology changes are taken into
account.

The first part of being in this particular jungle is identifying what’s wanted or
needed and the different methods in obtaining it, the comparative costs but most
of all the amount of protection given, then decide if it is suitable. Sounds a little
negative? Let’s just say experience.

A decision must always be made whether to actually divulge everything – as with
a patent, or just keep silence and introduce the product or application to the world
so staying one step ahead of everyone.

First example, James Dyson (“reinvented” the vacuum cleaner) has an aggressive
philosophy on design protection and his company spends $1.1 million each year on
new design applications, design registrations and lawsuits against competitors who
are viewed as encroaching on those designs.

Liability. The designer/inventor is now, along with the supplier, manufacturer or
company held responsible for the finished device. If he/she has acted irresponsibly,
neglected to carry out rudimentary checks, was aware of any defect or potential
problem and did not rectify it or acted unprofessionally in any way then he/she will
end up in court. These aspects are intended to be highlighted with reference to the
current legislation, and examples of actual cases show how the US and EEC courts
are implementing the law.

R. Narayan (ed.), Biomedical Materials,
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Not a great deal to read but just enough to make sure everyone is are aware of
the potential pitfalls now that there is such an increase in litigation. Also enough to
ensure that no one ever becomes complacent, putting the patient first everytime –
but hopefully not creating paranoia, or with too many sleepless nights.

Finally, retention of development files – this is critical, not only the obvious
checking and progression of results but mandatory for audits, proof of ownership,
proof of comparability and long term liability evidence.

Quality. The main thrust now, everyone is answerable for the quality produced –
from lab assistant to chief executive, the records kept, methods vetted. QA audits
now form the basis of all the mandatory checks carried out by the regulatory organi-
zations (career move alert, QA hold all the cards and not a bad stepping stone once
the science degree is completed). Risk assessment methods, plus the necessity of
FMEA (failure modes and effects analysis) and its introduction at an early stage.
“Design dossier” for class III devices, back to record keeping.

Manufacturing. Wide and diverse subject with enough to keep whole depart-
ments busy all on their own. Just to mention briefly, but be aware that the method
of manufacture, be it for the individual item, a base material or final device, will
dictate the final price and unfortunately money does influence quite a number of
things – not least the research, application’s development and ultimately any career
pursued. Therefore be aware of the influence manufacturing has on the progression
and final result of any design or research. Processes will be listed and methods of
manufacture categorized, not as a guide but as a prompt for interpretation.

Standards. Everyone is now controlled heavily by standards within both the US
(FDA) and EEC (NHS, BS, ISO) – Directives of every description. Hopefully this
will clarify certain aspects and explain in words of one syllable but watch out; it
is critical to keep abreast of new regulations plus who controls which particular
regulatory body – more to the point the one which controls your chosen discipline.

Specifications. Not the regulations, not the standards, but the developed and
evolved devices/process/material/applications. All materials used in any medical
device must be specified with no deviation accepted nor tolerated (yes, been bit-
ten on this one as well). No matter what excuses are given, no changes from the
specified chemical, physical, mechanical criteria can be justified (this also applies
to assembly sequence, processes, heat treatments, storage, etc.). During the devel-
opment to identify suitable biomaterials all criteria are justified; there is no excuse
why a buyer, production staff or “helpful” manager should even consider changing
any part or item.

Increased regulations and standardization require much more during a device’s
development and hopefully this will help to indicate how the materials, assembly,
and actual use should be justified – recorded – certified.

19.1 Patents

Very simple – “say nowt, tell nothing, lose nothing”.
It is a philosophy, which in some cases works very effectively, but it must be

stressed that in other cases it is only by protecting an idea will it normally remain in
your control.



19 Manufacturing Issues 527

There are three factors to consider before attempting to protect any ideas:

Money – How much is an individual or company prepared to spend?
Time – How much is available to ensure a fully documented claim is filed?
Return – Is it really worth the commitment, the resources to protect this gem of

an idea?

Patents are granted to individuals or companies who prove a new process, prod-
uct, component or improvement on existing processes. Once granted, a patent
allows the individual a monopoly on the idea, either to manufacture or license
or sell for a set period of time. In exchange for the selected countries’ protec-
tion of the idea NOTE the details of the invention must be publicly and fully
disclosed.

Patent applications follow a set formal pattern; below shows the UK system.

(1) Application filed on a set form with description and any diagrams, but no fee.
Applicant receives acknowledgement from the patent office and allocating an
“Application Number” – critical since this forms the basis of any prior knowl-
edge, first claim or intellectual ownership.
Approximately 5 weeks later the application details (information given is inven-
tion title and inventors name only) are published in the Official Journal Patents
& Designs – now on line so that any egotistical genius can show their mum.

(2) Within 1 year a more detailed form is requested by the Patent office along with
an invoice for £130. This form must contain the claims and an abstract of the
invention so a “Patent Search” can be carried out.
The claims form the legal part of the document and you may now start to
consider the use of a Patent Agent (he’s a bit like a lawyer – provided with
the details he changes them by adding four or five syllables per sentence then
charges an exorbitant fee). Six months later there will be a Publication of a
Specification reported in the Official Journal.

(3) After 1 year it is a requirement to complete and submit a full examination form
plus another £70. Normally there is a backlog between filing and information
in the “public domain.”

Up to 4.5 years after priority date patent may be granted – provided no one has
raised an objection or the patent office has rejected the claim(s).

In the United States there are three kinds of patent – utility, design, and plant
patents. Utility patents have a term of 20 years; design patents 14 years, while plant
patents have a term of 17 years. They all follow very similar methods of registra-
tion as shown above. With the difference that the first off application in USA must
contain greater detail, contain a declaration (or oath) stating the applicant is the sole
inventor and of course some up front money.

At this point it should be noted that both the UK and USA patent offices are
attempting to improve the system and protection of ideas, changes in legislation in
both countries is underway. So it is worth consulting these offices via the web to
keep abreast of recent, proposed and introduced changes.
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Also a very important fact – any patent granted only gives protection in the coun-
try it is granted in, a USA registration is no good in Japan, a French one no good
in USA. If the claims are considered worth the expense then separate applications
need to be made per country, in their language.

Almost forgot to mention – once granted there are renewal fees each and every
year through the life of the patent, increasing each year until the end. In the UK it
starts at £50 and ends at £400 but the European fees are greater – first year £20
up to £723 on the 10th year and after, original filing £89, search £489, examina-
tion £1,014, finally granting £507. Unfortunately it is necessary to highlight the
translation fees as well.

A common misconception is that the patent gives its owner the right to make,
use, or sell the invention. It does not, it only gives the owner the ability to exclude
others from making, using or selling the invention – may appear harsh or pedantic
but be aware of the subtle difference. The patent owner may be forbidden from using
the invention, usually due to the existence of another patent, or sometimes due to
other legal restrictions.

There are essential criteria to be considered before an application for an invention
can be processed,

(a) It must be new
(b) It must be an innovative step (not obvious – not something that can be consid-

ered as the next evolutionary step)
(c) it must be capable of industrial application (can be made – not an academic

concept)

These three requirements should be explained more fully to avoid confusion but
unfortunately best to slip in another unfortunate item here before proceeding any
further. A patent is normally granted to the inventor unless he/she is employed and
the invention was conceived as part of his/her normal duties, or alternatively as a
direct result of specific contract agreed, in which case the invention belongs to the
employer. Consolation now is that the “inventor” must by law be indicated on the
application (recent developments within the UK have prompted additional payments
to employees if the granted patent makes “excessive” profits for a company while
the inventor is only receiving normal salary and no other financial rewards).

Back to the three criteria, “New” means not just a modification or evolution of
an existing process or product. Something “not state of the art” at the time of the
application. But also just as importantly not known or available prior, a patent will
not be granted if the invention was prior knowledge (even if it was never used). One
of the most published examples of prior knowledge is the patent application for a
windsurfer. It was decided the application was invalid since years before a 12-year-
old boy had built a crude version and sailed for 2 years near a caravan site in full
view of anyone on the cliff tops. Although admittedly a limited audience, neverthe-
less in full public view. All inventions should be kept secret until applications have
been filed; a presentation, paper or demonstration might be sufficient to prevent or
destroy all ideas of obtaining a patent.



19 Manufacturing Issues 529

Which rings a bell regarding notebooks and lab records. The burden of proof is
with the applicant either to confirm the idea was original or to stop anyone else from
making the same or similar claim, easily done if dated entries, with details, are kept.
Also most people when working on a multitude of projects tend to become a little
confused; it is safer to keep precise notes than relay on your memory.

Inventive is to say not a logical progression or development of a product or pro-
cess, something which could be undertaken or evolved by any other “skilled person”
in the same field of work.

Industrial application, simply put, is can it physically be made? The idea must
be able to take a practical form or use. The word industrial is only used as a general
term and covers a multitude of practical activities (not limiting any application to
machines, machinery, manufacturing or any single science).

The basic costs are not too expensive but there are a number of other factors
to be considered. First, a badly constructed or worded application will afford little
or no protection from those wishing to profit from other’s efforts. So professional
advice is available to draft and formally present an application plus suggestions on
alternative methods (details later), but this advice is not free. Below shows the cost
of obtaining a UK patent under normal methods. One side compares the fee payable
to the Patent Office and the other the approximate cost of using a Patent Agent.
Compare it against the figures discussed earlier.

Action UK office fee Agent fee.

Filing initial application Free Minimum £350, up to
£600

Search by patent staff £130 Minimum £400
Substantive examination £70 Minimum £400
Granting of patent £150–£450 Varies between £400 to

£1,000

It must now begin to be obvious (and appreciated) the point originally raised in
the first paragraph regarding money plus time investment against return.

There is also an additional cost when starting to consider protection further afield
and a wish to have either European cover (EPC) or international (PCT) and a glance
at the table below should show the financial problem of progressing these applica-
tions.

A normal British application to final granting (using an agent to compile,
progress and monitor) will cost a minimum of £2,000 over a period of 3–4 years.
This will be much greater the more complex the subject matter and any subse-
quent objections raised which require answering. But the cost of pursuing an Euro-
pean patent application to cover, say, 10 countries is likely to cost in excess of
£9,000 over the same 3- to 4-year period. Then the additional cost of obtain-
ing application patents in non-alien countries would be approximately £2,500 per
country.
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Action UK EPC PCT USA

Filing Free £260 £350 + £55 transmitted $770 (small fee
$385)

Search £130 £815 £1030 $130 processing
Designation, per

state
– £150 £85 –

Substantive
examination

£130 £1,200 National fee (per state)
plus £130
international
examination fee.
There is also a
request system via
EPO @ £1,300

Use PCT

Grant Varies between
£150 and £450.

£600 National fee as applied.

The EPC and PCT search fees are payable on filing

19.1.1 EPC Contracting Countries

Austria, Belgium, Denmark, Eire (Ireland), France, Germany, Italy, Liechtenstein,
Luxembourg, Monaco, Netherlands, Portugal, Spain, Sweden, Switzerland, United
Kingdom.

19.1.2 PCT Contracting Countries

Armenia, Australia, Austria, Barbados, Belarus, Belgium, Benin, Brazil, Burkin-
Faso, Cameroon, Canada, Central African Republic, Chad, Congo, Cote d Ivoie,
Czech Republic, Denmark, Estonia, Georgia, Kyrgyzstan, Democratic People’s
Republic of Korea, Finland, France, Gabon, Germany, Greece, Guinea, Hungary,
Iceland, Ireland, Italy, Japan, Kazakhstan, Kenya, Latvia, Liberia, Liechtenstein,
Lithuania, Luxembourg, Madagascar, Malawi, Mali, Mauritania, Mexico, Monaco,
Mongolia, Netherlands, New Zealand, Nigeria, Norway, Poland, Portugal, Republic
of Korea, Republic of Moldova, Romania, Russian Federation, Senegal, Singapore,
Slovakia, Spain, Sri Lanka, Sudan, Swaziland, Sweden, Switzerland, Tajikistan,
Togo, Trinidad and Tagago, Uganda, Ukraine, United Kingdom, United States of
America, Uzbekistan, Vietnam.

PCT stands for the Patent Co-operation Treaty, which is adhered to by the coun-
tries above. PCT patent applications are administered by the World Intellectual
Property Organisation. The Patent Co-operation Treaty permits an inventor to file
what is called a PCT patent application. The Treaty is an attempt by the countries
involved to provide some streamlining of patent applications across several coun-
tries at once.
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An important part of obtaining a patent is the rewards gained from holding a
monopoly for the designated time. Normally an employee can expect no additional
payments for an invention which is part of his or her job, say a design engineer.
But if the patent granted is deemed to provide an employer “outstanding benefit”
then the Patent Act states that the employee – regardless of the job held – should be
awarded compensation. Unfortunately the definition of “outstanding benefit” has yet
to be quantified; to date there has not been any case taken to court to set a precedent,
but this also indicates employers are recognizing the need for rewards and no one as
yet has a major complaint.

Alternatively, if someone makes an invention on their own, with no connection
with any company, and then decides to sell the invention to a company for an agreed
single payment or “consideration,” then if the benefit to that company is deemed to
be considerable, in relationship to the original payment, then the Patent Act says the
original inventor should be allowed another payment or renegotiated remuneration.
One last example, plus point, to end this section with. The inventor of the non-
intrusive method of riveting ring pulls to the top of cans arranged a license of one
tenth of a penny (£0.001) per can made to the manufacturers of drinks; since Coca
Cola alone sold over 150 million cans world-wide per day, it shows that glory is very
nice but the money is better. The points, protect concepts and ideas, ensure confiden-
tiality and restrict those who have access to the details of the device/product/widget.

Patents are the ultimate in protection but not the only way by any means of look-
ing after personal interests; anything produced which is new can be referred to as
“intellectual property” and can be quoted. Any product with an original or defini-
tive shape is automatically protected by design right; no documentation or govern-
ing bodies approval is required, no registration (just good in-house records of the
design concept and drawing). Design right protects a “shape” for 10 years from the
date first shown on the first saleable item, although for the last 5 years of the 10
anybody can obtain a license from the design right owner. Or to put it more simply,
a license must be given whether the owner likes it or not.

Other methods of protecting designs are, (1) Copyright – (2) Trade Marks –
(3) Registered Designs.

19.1.3 Copyright

Protection is automatic and applies to pictures drawn, songs written, stories from a
fertile imagination (remember Harry Potter or Rim Worlds – both concepts have very
happy authors), computer programs written, any artistic or esthetic creation. As the
name implies, it is only to stop others from “copying” the original, which is why
the majority of cases involved in legal action usually come from literary, artistic and
musical areas. Although in recent years, the computer world has been in the news
since software programs cannot be patented and are only protected by the copyright
laws.

The copyright gives certain rights to the original creators (or descendants) allow-
ing them to control the actual use of the finished article for up to (1) 25 years for
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published editions, (2) 50 years after death of the author, of musical, dramatic, lit-
erary or artistic work (including photographs); similar protection is given whether
published or unpublished, (3) 50 years for films, sound recordings and broadcasts
(visual or audio), (4) 50 years after the death of compiler for computer programs.

As mentioned before, the protection is automatic once published, but it does
not protect the idea. If a new concept for a jet engine was drawn and shown, only
the actual drawing would be secure; the idea would be lost to competitors with no
comeback. Not like a work of art or music.

Even though not essential in the UK it is now standard practice internationally to
mark all work with © followed by the owners name. Provided all record keeping is
accurate (and should be by following comments written earlier), then the ownership
or proof of originality should not present any problem. Even so, sometimes as an
individual, not as a company employee, it might be wise to deposit a signed and
dated copy of any “innovative” work with a bank or solicitor if it is thought or
viewed there may be potential problems in the future.

19.1.4 Trade Marks

These identify goods or product groups produced; consumers then come to identify
the products with these symbols or words. Not only useful for sales and market-
ing, trade marks can sometimes become more valuable than patents or registered
designs. TM entitles the owner to the exclusive use of the mark/symbol and prevents
anyone else from using the same.

Registration takes place simply after a one-off payment and application presenta-
tion, but the full registration may take up to 1.5 years because of the cross checking
and notices of intent to be advertised (this is to allow for any objections from other
companies or presentation of duplication of symbols). The actual shape and form
of trade marks are a very complex process and may involve negotiations with other
manufacturers. Sometimes even professional advice may be needed to avoid conflict
with other trade marks. Even owners of unregistered trade marks can obtain similar
rights under common law although it is certainly more difficult (and expensive) than
with registered ones. Once registered the trade mark is held in force for 10 years and
renewable indefinitely at regular intervals for a nominal fee (at present 10 years @
£200).

Remember, using someone else’s trademark is criminal – counterfeiting.

19.1.5 Registered Design

As with design, right shapes and product configuration have automatic protection.
But if a certain shape, like a turbine blade, has a specific benefit then better and
additional protection can be obtained by registering it with the Design Registry as a
“registered design”. Even surface textures qualify as would any similar modification
designed as decoration.
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The original registration lasts 5 years and is renewable every 5 years to a max-
imum period of 25 years. Even though the main reason for R© design registry is
an increased protection of an automatic design drawing or concept, it is increas-
ingly being applied to a wide range of products because of their “look.” The cos-
metic appeal, the look of approval. Items like pens, cases, car bodies, cameras, even
computers, but the biggest influx of applications over the last few years have been
toys. This is mainly because the method of attracting customers is by visual accep-
tance, whether the toy functions satisfactorily or even at all largely does not matter.
Charges are £35 for the application and if accepted renewable fees £130 first then
increasing to £450 by the fifth period renewal.

There is no automatic cover or protection outside of the country registered in for
any of the above methods, Patents, Copyright ©, Design Registration R©, Design
Right and Trade Mark TM. But agreements are available with the majority of coun-
tries, but all require addition documentation and paperwork, plus the inevitable
financial considerations.

Making use of these extra interests or additional certificates is a decision an indi-
vidual, a company or university must make on a commercial basis. Obviously this
chapter has only been able to scratch the surface of the design protection but it will
allow a slightly more informed individual to form an opinion. Check out the web-
sites of the Patent Office, all are very informative – and free. There is complete
confidentiality and the advice they provide could protect any innovative invention
fully. Also they can advice on methods of presentation, requirements for complete
cover, potential pitfalls and should it be necessary a list of patent agents who will
supply the professional “edge” (even though it will be charged for). One other ser-
vice the Patent office can always be used for, and that is information. For a nom-
inal fee they will conduct an initial search, something which even though it may
shatter any dreams initially held may save money in the long run, especially if
someone has been there before and logged a claim. It also means that prior informa-
tion will be available on the first application, so obtain a copy of the application or
full patent, design, etc., and compare. Obtain all information assess if the original
idea cannot be improved upon and then be accepted as a novel concept. Remember
there are approximately 35 million patents world-wide and each one contains full
technical information sometimes the only source of detail, make use of it. It has
been quoted that 75% of the information contained in patents cannot be found any-
where else, so do not restrict or limit availability to three-quarters of the information
available.

19.1.6 Finally Litigation

Finally litigation – legal commitment/actions for protecting what’s yours. It is com-
monly thought that all patents; trade marks, copyright and design registrations are
automatically policed by the countries involved in issuing the documents. This is
not true, although the law is there to provide actual judgment and implementation
of that protection; it does not keep a check on its use.
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Patentees or holders must ensure their own interests are upheld and it is there-
fore their own responsibility to use the law. Monitor any infringements, log the full
details and then seek advice on proceeding with civil action.

If there is a possible infringement under no circumstances either speak, contact
or write to the people involved; immediately contact a patent agent or solicitor. This
is because in the eyes of the law it is unlawful to issue an unjustified threat against
an alleged infringer. What actually is classed as a threat (in law) is never easy to
decide upon and a simple contact could effect the result of any claim.

If the reverse happens and someone threatens you with the law courts the same thing
applies, do not speak or contact direct leave that to those employed as intermediates.

19.2 Liability

In July 1985 the EC Directive on product liability 85/374/EEC was adopted by the
EEC community; this meant that within three years strict liability on producers of
defective goods was to be introduced. Part 1 of the consumer protection act 1987
was implemented; this was and is the most important statutory liability in the post-
war era in the UK and EEC states – it was modeled on s402A of the restatement
of Torts (second) of the USA. US civil liability – consider “product liability” as the
responsibility placed on suppliers of products for losses or damage caused by those
products, even if misused.

The above statement was aimed at all products from all industries, but within our
own medical device area it has a special significance since the majority of products
we supply are either life threatening, or detrimental to the patient if a fault occurs or
is not designed out at the initial stages. More important is the development defense
clause – how many times have you been informed no sales until trials complete. But
the trials cannot be carried out until the product is safe and you don’t know if it is
safe until it’s been trialed. Difficult isn’t it?

There are four very important points within the liability laws that I will wish to
review.

Article 3. The definition of producer is very wide and includes manufacturers
of finished goods, producer of raw materials or component parts used in products.
Importers, distributors and any person who puts his/her name or trade mark onto the
product. But the medical profession does get a separate mention in this section as
requiring particular consideration because they are the “last link between the medi-
cal device or medicine supply and the patient.” The mention is because doctors and
health care personal may be liable under the provision of this particular article when
a manufacturer of a defective product cannot be identified. However, within the UK,
and for NHS staff, the supplier is considered to be the relevant health authority and
not a specific person or member of staff, not so in the US where individuals are still
liable. Although within the UK, now that the separately funded holding GPs are not
employees of the NHS but classed as self-employed and under contract, they should
cover themselves.
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Article 6. A product is defective when it does not provide the safety to which a
person is entitled to expect taking all circumstances into consideration, including
presentation, instructions, labeling (new legislation introduced in 1996 and 2003)
the use to which it can reasonably be put at the time the device was put into cir-
culation. A product should not be considered defective or unsafe simply because a
better or safer product is subsequently put into circulation. Now this is fine within
the EEC countries where clinical judgment is still the over ruling control, not so in
the US – if there is something on the market safer than that used and an accident or
damage occurs the onus is on the medical staff to prove their selection.

Article 7. Provides six exemptions from liability for the manufacturer:

(1) “The manufacturer will not be liable if he proves that he did not put the product
into circulation.” This is understood to mean when a product is delivered to a
second person in the course of business or when it has been incorporated into
an immovable. Medical materials and devices therefore used in trials before
marketing will generally be exempt under this provision – but beware because
of the conflicting clause in Article 6, “provide a product fit for use.”

(2) “The manufacturer or producer will not be liable if he proves that the defect
which caused the damage did not exist when the product was placed in circula-
tion.” This applies to shelf life products, damage or modification by a final sup-
plier or distributor, or where labels/instructions for use are detected or removed
by a distributor.

(3) “The producer also has a defense if he can show that he did not manufacture the
product for an economic purpose, nor distributed it in the course of business”.
Applies to private transactions and supply.

(4) “The producer will not be liable if he can prove that the defect is due to com-
pliance of the product with mandatory regulations issued by national public
authorities.” However where compliance with a regulation will not necessarily
discharge a manufacturer form liability, it must be shown the defect was the
inevitable result of compliance with that regulation. But “mandatory regula-
tions” are also understood to be only those imposed by the law and not contrac-
tual. An example is if a beer is brewed in Germany, it must comply with purity
laws of that city and not a license between companies.

(5) Development Risk Defence, allows the evolution of new and innovative prod-
ucts, also the development of improvements and safety in existing products. But
extremely dependant on the development file and records.

(6) “A manufacturer of a component will not be held liable if it is proven that the
defect is attributable to the design of the product into which the component is
fitted or to the instructions given by the manufacturer of the finished product.”
So off the hook! if merely following instructions from the distributor then the
responsibility and liability is theirs.

A timely reminder here of Article 3, if “A” sells it, packs it, assembles it, with
his name embossed on it, printed or painted, he is liable, NOT the manufacturer. But
if “A” manufactures a device, formula or biomaterial which a second or third party
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places their name or logo onto it, covering or removing “A”s, then the liability is
theirs.

Article 17. “The directive shall not apply to products put into circulation before
the implementating legislation comes into force”. Basically it will not be retrospec-
tive. The above selected points show the extent and viability of the Directive, even
though not fully implemented or in force with all EEC members it is on the statute
books and the framework is there for all to work within. All existing and potential
designers should be aware of the law, a law which may in time place them, along
with their company, in the courts.

The Directive is phrased in such a way so that it is not possible to contract out
of liability. There is no maximum liability set (although to discourage trivial claims
individual items worth less than 500 Euros are excluded) and a defendant has a right
to place a claim on co-producers or others “with responsibility.” This could be the
manufacturer, the head company of a group, individuals concerned with the produc-
tion or design(er). It should also be noted that apart from this Directive the changing
emphasize on responsibility is a growing trend for “no win, no fee” contracts with
lawyers, at present some defendants or claimants do not carry on with a case for fear
of costs; this is changing in Europe and following the USA format. Final point on
the Directive itself. If a product is defective the defendant does not have to allocate
blame, does not have to prove negligence or incompetence, he only has to prove
that the product is defective, is not suitable for the purpose designed. Then leave the
level of compensation to the courts.

Yet to come, Environmental Liability.
In the USA the Comprehensive Environmental Response, Compensation and

Liability Act (CERCLA) deals with ecological damage and regulates the reimburse-
ment of any clean-up costs – to be exact the officers involved “extract” the costs from
those who are deemed/convicted of causing the problem. Within the EEC countries
there is no one control or legislation monitoring or policing environmental con-
tamination. In fact many experts advocate the adoption of the USA CERCLA sys-
tem since it appears to work efficiently. Obviously the American system cannot be
copied directly because of fundamental differences within the laws of the US and
EEC, but it could be used as the basis of one.

There has been a European Environmental Bureau in operation for a number of
years but it is still trying to motivate an agreeable solution to suit the vested interests
of the countries that make up the EEC; this is still a laborious task. With this in mind
the Bureau has proposed the following standards which it hopes will be adopted:

(a) That it be a set of European liability laws and formally a Directive on environ-
mental liability.

(b) Clear no-fault base liability means clear strict liability.
(c) The status or meaning of the term environment must be broad enough to cover

as many types of damage caused to the environment, so that it also include all
types and references to the environment even those classed as non-ownership,
e.g., land, air and water, also wild animal and plants.
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(d) The access to justice must also be as broad as possible. This is essential for
environmental protection organizations as well as individual persons, without
adversely affecting individual rights. An action should not be allowed or forced
to fail because of a lack of money, it should also be mandatory for those bringing
the complaint to demand both an end to the environmentally harmful action and
the receipt of compensation.

(e) The proof of cause and effect between the alleged action/event and the damage
occurring should be made less strict. In claims of environmental damage it is
sometimes very difficult or near impossible for the plaintiff to prove that indi-
vidual causality or blame. It should therefore be possible and permissible for
judges to prosecute an individual, an industrialist or industry on the basis of an
adequately strong presumption. (Civil liberty groups will be split here between
both parties, keep the lawyers employed for years – more career advice again).

(f) If there are several perpetrators, liability both jointly and severally can be
brought. This will allow the plaintiffs to bring one action against the perpetrator
of all of the damage in one single action, time saved and actions probably(?)
faster.

(g) Guarantees of financial cover must ensure that any high-risk or new operations
are not introduced via undercapitalized or shadow subsidiaries that would not
possess sufficient capital to cover damage caused.

(h) There must be no limits to liability. Otherwise the incentive for prevention and
avoidance will be significantly reduced.

(i) Up to a certain level damage compensation demands must be backed up by
means of a cover reserve. This can be achieved by means of either money set
aside on a company’s annual basis or by legal guarantees. In addition, the intro-
duction of compulsory insurance is necessary since the cost of repairing envi-
ronmental damage can be so high as to exceed the perpetrator’s capitalization.
Ties in with (7) above, company law and start up legislation will have to be
reviewed – this is not just one area of interest.

(j) Liability funds should be set up. These will be primarily for those cases where
the perpetrator cannot be identified but the damage can be attributed to spe-
cific sectors. Similarly to the US trust funds (“Superfund” the nickname for
CERCLA) they could be set up on the basis of source origins. The funds could
even be arranged on a regional/national basis in order that the money benefits
the area/country from which it came. The money would be supplied from a
pollutant-related assessment – like the American model, only this would be a
pollutant pays principle (if identified).

Regardless of the proposals mentioned above and existing laws in operation in
the USA and EEC countries, there will be an ever-increasing growth in the envi-
ronmental controls administered to manufacturing. Which means that devices that
require materials developed, processed, refined or just plain machined will be mon-
itored and required to “pay the price.”

New designs and evolution of biomaterials, plus their eventual use, will result
in the use of expensive materials, technology to process them, sacrificial loss
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of materials, use of resources which will effect others, emotive issues that
“extremists/zealots/concerned individuals” will pass judgment upon. Be aware that
academic excellence, “a better mouse trap”, could be stifled by an environmental
objection and that all product designers have now entered a new realm where other
influential external factors must be considered.

19.3 Quality, Standards, Specifications

These are all interlinked and can be covered by a few well-chosen sentences and
peals of wisdom (which is why this author is surprised someone asked him).

Three separate areas cover quality during your biomaterial development – an
audit, a “Design Dossier” and use of Failure Modes and Effects Analysis (FMEA)
sometimes mistakenly refereed to as risk analysis.

19.4 Audit

An independent review of the materials development, the independency guaran-
teed by any QA department (who as everyone knows are a law unto themselves
anyway). The audit should normally be stringent, objective and open minded, the
overall objective is to provide assurance that the material (1) meets all requirements
laid down in the original brief, (2) is safe to manufacture and use, and (3) does not
present any danger to the patient. Not only during any testing or initial assessment
but for the full duration of its working life. Specific points to consider are:

Quantity produced, batch to batch
Quality limits (acceptance/rejection)
Manufacturing costs
Manufacturing methods
COSHH (or whatever health and safety regulations apply in each country)
Method of use
Environmental effects, during and after manufacture

Personnel attending such audits should comprise of members from:

Design

Aspects of the design explained
Reasons for particular actions explained
Background information on use
Provide documented records and justification notes if required.

Production

Equipment required and why
Capital budget requirements
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Assembly methods
Component supply

QA

Test methods and initial results
Manufacturing QC test methods
Document recordal
Staged inspection levels

Marketing

Verify design’s interpretation of use
Quantify production numbers required
Confirm market sales forecast

As more and more documented evidence is being called for by various regulating
bodies a design audit is virtually becoming mandatory.

19.4.1 Design Dossier

This document is a detailed specific file (separate from the normal development file
retained in a design office which contains all correspondence, quotes, references
etc.), which is maintained by a designated responsible person within the company
and must provide evidence and/or documented proof of a design, in such detail,
that the manufacture, performance and function of a product can be evaluated. In
this instance to comply with the MDD 93/42/EEC as well as mandatory that all
class III devices must comply, but other requirements may apply to meet CE mark,
manufacturing regulations, or international export/import regulations.

“Interpretation of Technical Documentation Required for Class I, IIa, IIb and III
Devices by MDD” is 14 pages long. Basically detailed information necessary on
the design and development of a medical device governed by the Medical Device
Directive 93/42/EEC Article 11.1a for Class III these also require conformance to
QA requirements EN ISO 9001/46001. Sounds complicated but a simpler method is
to justify your selection, manufacturing method, design, document the calculations
and test results, copy everything and place these “hard copies” into a folder. The
design dossier then becomes very easy and not a paper chase when required. Yes it
was hard copy and listed below are the requirements (suggested but best adhered to):

(A) Description of the actual design, it’s manufacture and end use performance. Plus
details and documents which conform to the Directive, Annex II, 4.2. Namely
those referred to in Annex II 3.2c.

(B) Details of any planned changes or developments which will change the product.
(C) Design brief plus all functioning requirements. The FMEA and actions imple-

mented as a result.
(D) Methods of control and design verification. Plus how the design’s progress was

checked and measured during development.
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(E) Proof of conformity to additional regulations if connected to other equipment
to aid, increase or allow its use.

(F) Specific statement relating to substances referred to in Sect. 7.4 of Annex 1 of
the Directive, plus any applicable data in connection with testing carried out.

(G) Label copy and operating instructions (if any).
(H) All clinical data which was compiled during the development stage.
(I) Details of the manufacturer, the group or type the device falls within.
(J) Device classification and the justification regarding its selection.

(K) Details of any similar devices already in circulation.
(L) Full device description and technical features.

(M) Catalogue details, numbers and descriptions.
(N) Material data for all component builds.
(O) Specific manufacturing methods.
(P) Sterilization, bioburden, microbiological testing information – where applicable.

One last thing the directive suggests that the dossier is retained for a minimum
of 5 years.

19.5 FMEA

A formalized approach to this problem is the Failure Modes and Effect Analysis or
FMEA, a systematic method that considers the potential failures of each component,
sub-assembly and final product build. The actual analysis starts by considering the
failure effects on the output on one level and their resultant domino type influence
on higher levels. It is considered to be a bottom to top analysis working from a
possible effect to the possible cause.

It is an established design technique for assessing the effect and suitability of a
design in matching the requirement brief.

Although each FMEA chart should be individually marked and recorded for its
own specific product they will all contain the same data:

Part Name
Description of Part Function
List all Potential Failure Modes
Estimate Potential Effect of Failure
Score the Severity of the Effect
Consider the Probable Causes of Failure
Assign Probability of the Cause Occurring and Part Value
List Method(s) of Detection
Mark a Detection Rate
Calculate an Overall Risk Priority Value
Recommend Remedial Action to Correct Potential Failures
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19.5.1 Standards

Quite simply, to manufacture and supply medical devices for use in any country
there are standards with which you must comply. Engineers, scientists, manufactur-
ers all refer to these standards and codes of practice continually because they provide
an acceptable set of guidelines; although many are not actually legally binding or
enforceable they are what is termed quasi-legal.

The International Standards Organisation (ISO) promotes an acceptance of cer-
tain standards. These standards normally originate from collaboration between the
ISO and member countries own legal sections such as BSI from the United King-
dom, ASTM from USA and DIN form Germany. In 1993 the Medical Device Direc-
tive (MDD) was published; this was a direct development of the new approach
described above.

For sales to the USA the following must be adhered to: Comply with plus audit
to the USA form and GMP (Good Manufacturing Practice) standard set out by the
FDA, before any sales of product.

For product market clearance, the device selected requires either a 510(K) to
prove substantial equivalence to a pre-arranged device (e.g., a device currently on
the market which is acceptable and safe) to prove safety and effectiveness of the
device. There is a short form entry which should proceed through the regulatory
department in 90 days, Or a PMA (pre market approval) for new devices that are
proven not substantially equivalent under the 510(K). A lengthy 3-year process,
also expensive.

For information the following Draft International Standards have been released:

95/563336 ISO/DIS 12891-1 “Retrieval & Analysis of Implantable Medical
Devices”.

95/563133 DC ISO/ 11737-2 “Sterilisation of Medical Devices. – Tests of
sterility performed in the validation of a sterilisation process”.

EC Packing & Waste Directive (MDA Bulletin 16). The directive requires many
types of packing to contain certain percentages of recycled materials and to
be manufactured of recyclable materials.

Documents you might consider:

• Guidance Notes for Completion of PCA 1 & PCA 2 – 005375
• Guidance on Biocompatibility Assessment – 005373
• Guidance Notes for Manufacturers of Dental Appliances – 005379
• Guidance Notes for Manufacturers of Class I Medical Devices – 005378
• Guidance Notes for Manufacturers on Clinical Investigations to be Carried Out

in the UK – 005374
• Information for Clinical Investigations – 005376
• Silicone Implants and Connective Tissue Disease – 005380
• Framework Document – 005188
• Business Plan 1994/95 – 005187
• Doing No Harm – 005189
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Listed below are biocompatability ISO references.
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19.5.2 Specification

A detailed description, including construction, materials and quality required. Sim-
ple really, not complex, not difficult; then why does it cause so much aggravation
and trouble?

Specifications should be regarded as cast in stone with no variation allowed or
sanctioned. Rigid controls are necessary to enforce compliance, with set formal
structure to follow if changes are thought to be necessary at a later date. Once this
idea is accepted at all levels from Director to Floor Sweeper, then risks are mini-
mized. A very short message, but probably the most important within the book. The
formal specification should be controlled by an independent department with no
vested interests or conflicting directives. If possible the manufacturing head should
have no influence nor say in how the specification is written, modified nor enforced
– but he/she should be answerable when the standards are not maintained or adhered
to. Once “the lunatics start to control the asylum” and can change the standards to
suit what they produce or supply then the end product – be it a material, a component
or product – is at risk from the very beginning.

Any changes to be introduced must have a formal request checked and if accepted
then signed for by the relevant departments, unless all parties agree the proposed
change should not be introduced.

New issues of the specification (along with information updates, instruction
for use changes, drawings, etc.) must be dated and the issue numbers changed.
Details of why the change was introduced must be recorded and kept as well as
the cancelled issues retained or archived. The recommended retention of the orig-
inals is for 5 years. It may sounds complicated and only suitable for large compa-
nies but lots of small organizations or departments get into trouble because of lax
record/specification keeping.

19.5.3 Manufacturing

The methods vary obviously depending on the final product required, which might
just be a chemical process, a raw material, an ingenious and complex component,
an insert or multi part assembly. Electrical, electronic, mechanical, don’t know?
Bioproducts can and do vary in their construction and end use.

Every method available must be verified and validated though, to ensure con-
sistency and quality of product – more so for repeatability. There is no point in just
listing the methods of supply, machining, surface treatment or joining, nor the meth-
ods of assembly, heat treatment, post treatment, etc., unless designers can actually
understand their application. To do that would need a large number of books in addi-
tion to this one (all at reasonable discounted prices of course). Sufficient it to say,
there are facilities available that will supply details for the manipulation of materi-
als, compounds and elements in any and all ratios, mixes and alloys a manufacturer
could ever wish for, all that has to be done is ask! search!! look!!! listen!!!! Search
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engines on the web, colleagues, college lecturers, research notes/publications, trade
and professional lectures and, God forbid, libraries.

Depending upon an engineer’s discipline, this will determine the methods freely
available or advisable for use. But always keep alternatives in mind, look at other
peoples work, view how their parts were produced, not to “copy” but to utilize their
methods of manufacture. The same methods will react differently with different
materials and produce a multitude of different features – features that can made
use of.

Do not be put off by cost; all new ideas will inevitably have to pay the price
of development, price of small batch manufacture, price of experimental testing.
This is always going to happen but if the idea is worth looking at then make sure a
manager, a director provides or arranges the finance – that’s their job.

If there is potential in an application of a gene therapy which will prompt the car-
tilage of the knee to start and regenerate itself, then lobby for the back up to obtain
materials, test facilities or just simple funding. If on the other hand the best way
forward, either from an individual’s or group′s viewpoint, is a radical alloying of a
polymer and quasicrystals (flame sprayed mild steel substraight using quasicrystal
surface modification have produced a virtual wear proof bearing surface suitable
for knee replacements), then push for the access, money and of course the glory.
Nanoparticles, nanomachining, nanotechnology, larger micromachining, microtech-
nology – all techniques that should be known or at least be aware of, but have you
considered their application to any specific or particular environment? Research and
development of new biomaterials is fine but where are the applications? Consider
the uses as well as the biological interface and acceptance of the body; somewhere
there must be a grain of thought as to their manipulation into a feasible product,
device, enhancement which will allows the patient to derive some benefit. Remem-
ber that there will always be a method of manipulating any material for use; it might
be a big hammer or a scanning microscope or a multi faceted self focusing laser.
But if it does not exist yet, it will.

Never let the problems of today’s technology worry, halt or restrict anyone’s
enthusiasm nor place restriction on creative imaginative ideas.
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junctions, 186
Adventia, arteries, 143–144
Agarose scaffolds, 416, 417
Air plasma spraying (APS), 17
Alginates, 99–100, 416, 417–418
Allergies

allergic reactions, types, 280–281
anaphylaxis, 280–281
cytotoxic reactions, 280–281
delayed type hypersensitivity, 280–281
immune complex reactions, 280–281

contact dermatitis, 281
contact hypersensitivity, 281
non-protein allergens, 281
patch test, 281
protein allergens, 281
symptoms, 279
See also Hypersensitivity

AllodermTM, 399
Allografts, 390–391

amnion, 391
cadaver skin, 391

Alumina (Al2O3), 3, 26–28
implant reliability, 27–28
in joint prostheses, 194

medical grade alumina, 27
limitations, 28

structure, 4
total hip joint replacement (THR)

operations, 27, 357–358
zirconia and, properties comparison, 27

Amalgams/Amalgamation, 76, 296–298
biocompatibility of, 298
LostWax (Investment) casting

technique, 298
physical properties, 298
stoichiometry of phases in, 297

American Academy of Orthopedic Surgeons
(AAOS), 351

Amino acids, 216–217
acidic amino acids, 219
basic amino acids, 219
cell adhesive amino acid sequences,

232–233
close contacts, 232
extracellular matrix contacts, 232
focal adhesions, 232

highly hydrophilic, 224
highly hydrophobic, 224
hydropathy of, 224
less hydrophobic, 224
polar amino acids, 219

Amnion, 391
Amorphous glasses, 19–20
Amphiarthrosis joints, 147
Anaphylaxis, 280–281
Angiogenesis, 289–290
Animal experimentation, biocompatibility

testing, 287–288
alternatives to, 288–290

Anisometropia, 331
Antibiotics

in biomaterials associated infections
treatment, 248–250

545
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Antibiotics (cont.)
antibiotics and antimicrobial agents,

local delivery, 249–250
antimicrobial carrier placement,

249–250
antimicrobial coating of

biomaterials, 249
antimicrobial irrigation of surgical

field, 249
biomaterials dipping in antimicrobial

solutions, 249
systemic antibiotic prophylaxis,

248–249
Antimicrobial therapy, orthopedic prosthetic

infections, 247
Apatites, 24
Aphakia, 330
Apocrine sweat glands, 380
Apoptosis, 271, 273

detection, 273–274
Apparent density, bone, 125
Apparent porosity, bone, 125
Appendages, 379–381

integumentary system, development, 383
Aqueous humor, 328
Arteries/Arterial biomechanics, 143–146

adventia, 143–144
composition, 143
critical closing pressure, 146
intima, 143
media, 143
structure, 143

histologic structure, 145
Arthroplasty, hip, 351

interpositional (mould) arthroplasty, 351
low friction arthroplasty, 352

Articular cartilage, 130–131
collagens, 132
composition, 132
deep zone, 130–131
glycosaminoglycans (GAGs), 132
middle or transitional zone, 130
proteoglycans, 132
superficial zone, 130
zone of calcified cartilage, 130–131

Articulations, 147
amphiarthrosis, 147
diarthrosis joints, 147
synarthrosis, 147

Artificial eye, 335
Aseptic loosening, 190
Asperities, 186, 191
Astigmatism, 330–331

Atom packing in metals, 42–43
Audit issues, 538–540

design dossier, 539–540
Austenitic stainless steel implant metals, 55–58

316L austenitic stainless steel (ASTM F
138/139), 55

compositions, 56
mechanical properties, 57

Autografting, for burns, 389–390
Automated scaffolds fabrication, for TE

scaffolds, 508–512
process chain, 510

Axial mechanical tests, muscles, 142

B
Ball portion of artificial hip, 354
Barrier properties, burn dressing

biomaterials, 393
Base metal alloys in dental applications,

299–300
Bauxite, 5
Bicinchoninic acid honinic (BCA) protein

assay, 230
Bioactive glasses, 36–37

coating, in dental application, 309
composition, 37
in dental applications, 319
Li2O–ZnO–SiO2 systems, 36
pushout tests, 37
SiO2-CaO–Na2O–P2O5 systems, 36

Bioactive implant materials, 26
Bioactive polymers, 102–106

polymeric drugs, 103–104
polyanionic polymers, 103–104
polycationic polymers, 103
polynucleotides/polypeptides, 103
polysaccharides, 103

Bioceramics, 22–23
biomedical use of, 26

Biocompatibility, 210–212
cell culture assays, 210
evaluation, categories, 211
in vitro assays, 211
scaffolds, 433–435

Biocompatibility testing, 261–290
angiogenesis, 289–290
animal experimentation, 287–288
sample preparation, 262–263

FDA standards, 262
ISO, 262

tissue specific aspects of, 286–287
hard tissue implants, 286
soft tissue-implants, 286
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See also Genotoxicity; Hemocompatibility;
Mammalian cell culture

Biodegradable polymers, 106–111
polyanhydrides, 109
polycarbonates, 109
polyesters, 106
poly(ortho esters), 108–109
poly(phosphate ester), 110
poly(phosphazenes), 110

Biofilms, 242–244
on medical devices, problems with, 244
medical related biofilms, types, 244–245

Staphylococcus epidermidis, 245
Biological fixation, 365
Biomaterials

associated infections, 242–248
biofilms, 242–244
See also Implantable devices

wear in, 190–196
Biomechanical properties of bone, 126–129

cortical bone, 126–128
Biomedical devices, wear in, 190–196
BioMEMS, 443–471

actuators, 445
applications, 465–471
biomaterials for, 456
building BioMEMS, importance, 446–448

factual possibility to fabricate small
systems, 447–448

favorable exploitation of miniaturiza-
tion, 446–447

for cell culturing, 466–467
for chemical analysis, 467–469
classification, 465–466
description, 444–446
design, 449–450

finite element analysis (FEA) software
packages, 450

for DNA analysis, 467–469
drawbacks, 448–449
fabrication, 456–465

bonding, 464
bulk micro-machining, 458–461
embosssing, injection molding

techniques, 463
from top-down to bottom-up, 464–465
hermetic sealing, 464
packaging, 464
photolithography, 457–458
stereophotolithography, 463–464
surface micro-machining, 461–463

for in vivo applications, 469–470
in vitro reliability, 449

in vivo reliability, 449
materials characterization, importance,

450–452
materials for, 449–465, 452–456

Au, 454
biocompatibility of, 456
ceramics, 454–455
Cu, 454
importance, 450–452
metals, 453–454
Ni, 454
Ni-Fe, 454
polymers, 455–456
Pt, 454
Silicon, 452–453

as micro fluidic elements building blocks,
445–446

micro-surgical tools, 470–471
nanomaterials for, 456
for protein analysis, 467–469
risks, 448–449
sensors, 445
as transducers, 444–445

Biomimetic surface modifications, 309
Biopolymers in medical applications,

84–87
intracorporeal (implanted) materials, 84

complex devices, 84–85
semipermanent devices, 84
temporal devices, 84

paracorporeal or extracorporeal
materials, 85

polycarbonates, 86
polyester, 86
polymethyl methacrylates, 86
polypropylene, 86
polytetrafluoroethylene, 86
polyurethane, 86
polyvinyl chloride, 86
silicone rubber, 86
ultrahigh MW polyethylene, 86

Blade-form dental implants, 304
Blood vessel biomechanics, 143–146

composition, 143
critical closing pressure, 146
structure, 143

Blood–material interactions, 209–210
Bonding, for bioMEMS fabrication, 464
Bone cement for orthopedic prosthetic

infections, 247
Bone ingrowth, porous coatings for,

65–66
Bone morphogenetic proteins (BMPs), 33
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Bone(s), 23, 123–130
biomechanics, see Biomechanical

properties of bone; Cartilage
biomechanics

cancellous bone, 23
cells in, types, 124

osteoblasts, 124
osteoclasts, 124
osteocytes, 124
osteoprogenitor cells, 124

compact bone, 23–24
composition, 123–124
functions, 123
Haversian systems, 23
lacunae, 23
lamellar bone, 125
liquid phases, 124
mineral component in, 24–25, 125
physical properties, 125

apparent density, 125
apparent porosity, 125

remodeling, 129–130
solid phase, 124
structural organisation, 23
structure, 124–125

cortical bone, 124
trabecular bone, 124

Volkmann’s canals, 23
See also Cortical bones; Trabecular bone

Bovine serum albumin (BSA), 228
Brånemark’s implants, 306
Buehler-test, 281
Bulk micromachining, 444

for bioMEMS fabrication, 458–461
See also Dry bulk micromachining; Wet

bulk micromachining
Burn dressing biomaterials and tissue

engineering, 392–402
adherence, 392–393
barrier properties, 393
biodegradability, 393
composite substitutes, 400–402
dermal substitutes, 399

AllodermTM, 399
DermagraftTM, 399

design criteria, 392–394
epidermal stem cells, 402
expense, 394
growth factor incorporation, 402
immune response, 393
mechanical properties, 393
surgical handleability, 393
See also Skin substitutes

Burns/Burn injury, 371–404
burn wound healing

inflammatory phase, 384–385
normal wound healing, 384–385
principles, 384–386
proliferative phase, 384–385
rapid re-epithelialization, 384–385
remodeling phase, 384–385

classification, 383–384
first degree, 384
full thickness, 384
partial thickness, 384

complications, 387
conventional treatment of burns, 387–392

autografting, 389–390
escharotomy, 388
immediate burn wound treatment, 388
IV infusion, 388
minor burns, 387–388
severe burns, primary treatment,

388–389
single surgical procedure, 390

hypertrophic scarring, 386
immune system response to burn injury,

386–387
impaired functionality, 386
superficial partial thickness burns, 386
temporary wound coverage, biological

alternatives for, 390–392
allografts, 390–391
xenografts, 391–392

zone of coagulation, 386
zone of hyperaemia, 386
zone of stasis, 386

Burnt out polymer spheres (BurPS), 3, 13–14

C
Cadaver skin, 391
Calcium carbonate, 30
Calcium phosphate, 25
Cancellous bone, 23
Carboxymethylcellulose (CMC), 97–98
Carcinogenicity, 212–213

sarcomas, 212
Caries, 252–256
Cartilage biomechanics, 130–136

composition, 130–133
degeneration, 135–136
elastic cartilage, 131
fibro cartilage, 131
hyaline cartilage, 131
permeability, 133–134

strain-dependant permeability, 134
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structure, 130–132
swelling, 135
viscoelastic properties, 134–135

flow-dependent mechanism, 134
flow-independent mechanism, 134
mechanisms responsible for, 134

See also Articular cartilage
Casting, 302

in prostheses production, 513
Casting alloys in dental applications, 76–77,

298–302
ADA classification

base metal (PB), 299–300
High noble (HN), 299–300
Noble (N), 299–300

classification according to mechanical
properties, 299

Type I (low strength), 299
Type II (moderate strength), 299
Type III (high strength), 299
Type IV (extra high strength), 300

PFM restorations, 298
soldering alloys, 298
See also Dental alloys

Cataract, 331
Surgery

modern cataract surgery, 332
viscoelastics, 333

Cavities, teeth, gold foils in filling, 296
Cell culture assays, 210, 263–287

See also Mammalian cell culture
Cell culturing, BioMEMS for, 466–467
Celluloses, 97
Cementation, 321
Cements, dental, 320–322
Central venus catheters (CVC), infections

associated with, 245
Ceramics, 3–37

atomic bonding in, nature, 4
bone morphogenetic proteins (BMPs), 33
ceramic processing, 5

See also Powder processing
deformation, 7–9
description, 4–5
fracture, 7–9
functional gradient materials, 33
isostatic pressing, 10–12
liquid phase sintering, 12
for MEMS microfabrication, 454–455
pressureless sintering, 10
properties, 3
surface engineering processes, 16
tape casting, 13

transformation toughening, 9–10
See also Medical ceramics; Porous

ceramics
Ceramics for dental applications, 313–319

all-ceramic restorations, 315–317
clinical failure of, 319
processing of, 317–318
selection guide for, 318

bioactive glasses, 319
CAD/CAM technology applications, 317
crowns, 313
glass-ceramics, 315–316
glass infiltrated ceramics, 316–317
inlays, 313
metal-ceramic restorations, 314–315

in-ceram crown, 315
feldspathic porcelains, 314
leucite, 316

monolithic ceramics, 316
subperiosteal implant, 308
transosteal implant, 308
veneers, 313
yttria-tetragonal zirconia polycrystals

(Y-TZPs), 316
Cetyl pyridiniumumm chloride, 253
Chemical (corrosive) wear, 189
Chemical analysis, BioMEMS for, 467–469
Chemical method of sterilization, 240
Chitin, 100–101
Chitosan, 100–101, 416, 418–419
Chlorhexidine, 253, 255
Chondroitin sulfate, 98–99
Chromosome aberration test (CAT), 285
Chronic inflammation, 204–206
Clotting cascade, 277

extrinsic system, 277
intrinsic system, 277

Coagulation category in hemocompatibility
testing, 278

Coatings, in total hip replacement, 363–365
calcium phosphate deposition on metal

substrates, 365
hydroxyapatite (HA), 363, 365
plasma spraying, 365
porous coatings, 365

Cobalt based alloy
implants, 58
as orthodontic wires, 303
in total hip replacement, 360–362

Cobalt containing implant alloys, 66–67
ASTM F 90, 66–67
ASTM F 562, 66–67
ASTM F 563, 66–67
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Cobalt containing implant alloys (cont.)
ASTM F 1058, 66–67
See also CoCrMo cast alloys; CoCrMo

implants; CoCrMo wrought alloys
CoCrMo cast alloys, for implants, 58–62

carbon content effect, 60–61
compositions, 59
disadvantage, 61
internal porosity, elimination, 62
mechanical properties, 62

CoCrMo implants, surface modification of,
65–66

CoCrMo wrought alloys, for implants, 62–64
closed-die forging, 63
forging, 63
high-carbon, 62–64
hot isostatic pressing (HIP), 64
low carbon, 62–64
metal injection molding (MIM), 64
strengthening mechanisms for, 64

Cold isostatic pressing, 11
Collagens, 96–97, 132, 416, 419–421
Commercial purity Ti (CP Ti), 68–69

interstitial element limits, 68
mechanical properties, 68

Compact bone, 23–24
Compomer cements, 321, 322
Composite dental materials, 322–323

bisphenol A-glycidyl methacrylate
(BIS-GMA), 322

coupling agent, 322
dimethacrylate monomer, 322
filler particles, 322
hybrids, 323
resin, 322

Composite substitutes, 400–402
ApligrafTM, 400
BiobraneTM, 401
IntegraTM, 400
TranscyteTM, 401–402

Computer aided design (CAD) strategies, for
TE scaffolds, 508–512

CAD remodeling, in prostheses production,
513, 514

octahedron-tetrahedron, 511
octahedron-truncated cube, 511
square prism, 511
square pyramid, 511

Computer-controlled freeform fabrication for
TE scaffolds, 496–508

See also Liquid-based techniques;
Powder-based techniques;
Solid-based techniques

Concentration cell corrosion, 173–174
Concentric action (or contraction),

muscles, 142
Constant depth film fermentor (CDFF), 255
Contact angle analysis, 226
Contact fatigue, 187
Contact lenses, 329–330

hard contact lenses, 332
polydimethyl siloxane lenses, 330
polymethylmethacrylate (PMMA), 329
rigid gas permeable lenses, 329
soft contact lenses, 329

hydrogel, 329
polydimethylsiloxane, 329

Copyright issues, 531–532
Coralline bone graft, 30
Cornea transplants, artificial, 334–335
Corneal implants, 327
Corrosion, metals, 155–181

abrasion-corrosion, 178
acidification, 175
corrosion current density, 180
corrosion fatigue (CF), 176
corrosion resistance, 54
electronic potentiostat, 179
environment induced cracking, 176–177
erosion-corrosion, 178
forms of, 170–178
fretting, 178
hydrogen induced cracking (HIC), 176–177
intergranular corrosion, 177–178
occluded corrosion cells, 174
repassivation potential, determination,

179–180
stress corrosion cracking (SCC), 176–177
testing in metallic biomaterials, 178–181

considerations, 179
uniform dissolution, 170–171
wear-corrosion, 178
See also Concentration cell corrosion;

Crevice corrosion; Electrochemical
reactions; Galvanic corrosion;
Pitting corrosion

Cortical bones, 124–126
biomechanical properties, 126–129
creep behavior of human bone, 128
fatigue mechanism, 127
stress–strain curves, 127
viscoelasticity, 126

Corundum, see Alumina
Coupling agent, 322
Covalent bonding, in ceramics, 5
Crevice corrosion, 174–176



Index 551

Critical closing pressure, 146
Critical current density for passivation

(icrp), 168
Crosslinking to improve wear resistance, 193

H-type cross-linking, 193
irradiation, 193
peroxide chemistry, 193
silane chemistry, 193
Y-type cross-linking, 193

Crystal line defects (dislocations), metals, 51
Crystalline glasses, 19–20
Crystallisation process, in glass-ceramics, 22
Cultured allogenic keratinocytes, 395
Cultured autologous keratinocytes, 395–398
Cutting, 189, 460
Cytotoxic reactions, 280–281
Cytotoxicity testing, mammalian cell culture,

268–275
bromodeoxyuridine (BrdU) in, 272
crystal violet staining, 272
enzyme-linked immunoassay, 272
in vitro, testing aspects, 269
proliferation, quantification, 272
qualitative assay, 269
quantitative cytotoxicity assays, 270
TUNEL method, 274

D
Darcy’s law, 133–134
Data acquisition, in prostheses production,

513–514
Deep reactive ion etching (DRIE), 460
Deep zone, articular cartilage, 130–131
Deformation, ceramics, 7–9
Degeneration, cartilage, 135–136
Delamination wear, 187
Delayed type hypersensitivity, 280–281
Dental alloys, 75–76

casting alloys, 76–77
Au-based, 76–77
base metal, 77
Co-based, 76–77
high noble, 77
Ni-based, 76–77
noble, 77
Ti-based, 76–77

dental amalgams, 76
porcelain fused-metal (PFM)

restorations, 77
See also Wrought dental alloys

Dental applications, biomaterials for, 295–323
gold foils in filling cavities, 296
historical perspectives, 296

metals for, 296–313
casting, 302
Cu, 297
lathe-cut particles, 297
soldering, 302
spherical particles, 297
Titanium and related alloys, 300–301
Zn, 297
See also Amalgams; Casting alloys

porcelain dentures, 296
surface issues, 309–312
teeth replacement by transportation, 296
vulcanized rubber dentures, 296
wrought alloys as orthodontic wire,

302–304
See also Dental implants; Polymers

Dental implants, 304–313
endosseous implants, 304–305
materials issues in, 307–309
problems with, 312–313

diabetic patients, 312
implant failure, 312
improper patient selection, 312
inadequate implant restorations, 312
infection, 312
occlusal force stresses, 312

subperiosteal implants, 304–306, 308
transosseous implants, 304

Dental materials, 295
classification, 295

preventive materials, 295
restorative materials, 295

See also Ceramics
Dentures, 320
Dermal-epidermal junction (DEJ) zone,

378–379
Dermatan sulfate, 98
Dermatome, 389
Dermis layer, skin, 136, 377–378

fibrous components, 377
glycoproteins, 377
glycosaminoglycans (GAGs), 377
integumentary system, development, 382
non-fibrous components, 377
papillary dermis, 378
proteoglycans (PGs), 377
reticular dermis, 378

Design dossier, 539–540
Detonation spraying (DGUN), 17–19
Detwinning reaction, 73
Dextran, 101–102
Dezincification, 170n14
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Diamond-like carbon coatings for wear
resistance, 195–196

Diarthrosis joints, 147–148
Dielectrophoresis separators (DEP), 447
Diffusion, 47, 165
Dislocations, metals, 51
Dispersion strengthening, 52
Dissolution, 160–161

uniform dissolution, 170–171
Dohlman “collar-button” keratoprosthesis, 334
Dorsal root ganglia (DRG), 417
Doxycycline, 253, 256
Dry bulk micromachining

for bioMEMS fabrication, 460–461
cutting, 460
hole-in-the-wall micro gate valve, 461
laser ablation, 460
plasma assisted dry etching, 460

Dry friction, 184
Dry heat, for sterilization, 240, 241
Dynamic traction, 340

E
Eccentric action, muscles, 142
Eccrine sweat glands, 380
Elastic cartilage, 131
Elastic moduli, metals, 48–50
Elastin, 145
Electrochemical reactions on metallic

biomaterials, 156–157
anodic reactions, 165, 165n8
cathodic reactions, 165, 165n8
diffusion, 165
dissolution, 160–161
Evans diagram, 164, 168
mixed potential, 162
oxidation, 157
passivity, 169
polarization, 162–163
Pourbaix diagrams, 166–167
reduction, 157
shortcircuit, 162
single electrode potential, 158–159
standard single electrode potentials, 159
transpassivity, 169n13
See also Corrosion

Embolism, 277
Embossing

for bioMEMS fabrication, 463
hot embossing, 463

Encapsulation, 155, 204
EndoBon, 31
Endosseous dental implants, 304–305

blade-form, 304
chromium—cobalt—molybdenum (called

Vitallium), 305
permanent-fabricated tooth, 305
ramusframe, 304, 307
root-form, 304, 307
Strock’s implants, 305

Endosseous Ridge Maintenance Implant
(ERMI), 319

Endothelium, 328–329
End-stage retinitis pigmentosa, 337
Environment induced cracking, 176–177
Epidermal substitutes, for burn injury, 394–398
Epidermis layer, skin, 136, 374–377

integumentary system, development, 382
stratum corneum, 375–377
stratum germinativum, 375
stratum granulosum, 375, 376
stratum lucidum, 376
stratum spinosum, 375–376

Erosion-corrosion, 178
Escharotomy, 388
Ethylene late glycol dimethacrylate

(EGDMA), 320
Ethylene oxide (EtO), for sterilization, 240,

241–242
Eugenol oil, 321
Evans diagram, 164, 168
Extracellular matrix proteins (ECM), 231–232
Extraoral facial prostheses, 512
Extrusion, 115–117

F
Facial deformities, 512
Failure Modes and Effect Analysis (FMEA),

540
Faraday, 158
Faraday’s law, 161
Fascicles, 141
Fatigue, 189

fatigue failure, 52–53
fatigue wear, 187–188

contact fatigue, 187
surface fatigue, 187

Fiber bonding, for scaffold fabrication,
428–429

Fibrin, 97
Fibrinolytic process, 209
Fibro cartilage, 131
Fibroblasts, 374
Fibronectin, 230–231
Filler particles, 322
Finally litigation, 533–534
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Finite element analysis (FEA) software
packages, for BioMEMS
design, 450

Fixation of THR, 354–356
See also under Total hip replacement

(THR)
Flow wear, 187
Foamed slip techniques, 13, 14

See also Reticulated foams
Food and Drug sations. Administration (FDA)

standards, 262
Foreign body response, 202–203
Forging, 57

CoCrMo wrought alloys, 63
Fracture, 52, 189

ceramics, 7–9
energy, 52
toughness, 52

Freeze drying, for scaffold fabrication, 430
Fretting, 178
Friction, 183–185

coefficient of friction, 184
dry friction, 184
static friction, 184
viscous friction, 184

Frustrated phagocytosis, 203, 205
Fused deposition modeling (FDM),

497–501
advantages, 509
disadvantages, 509

Fused deposition of ceramics (FDC), for TE
scaffolds, 497–498

G
Galvanic corrosion, 171–173

galvanic interaction, 171
beneficial effects, 172

oral galvanism, 172
sacrificial anode, 172

Gas foaming, for scaffold fabrication, 430
Gelatins, 96–97, 416, 420
Gene mutation test, 283
Genotoxicity, testing, 282–286

chromosome aberration test (CAT), 285
ex vivo, 284
gene mutation test, 283
in vitro tests, 283, 284
in vivo, 284
mouse lymphoma assay (MLA), 285
point mutations, 283
reverse mutation test, 283
sister chromatid exchange assay (SCE),

285–286

trifluorothymidine (TFT), 283
unscheduled DNA-synthesis test

(UDS), 283
Gentamicin, 253
Gentamicinamicinmicin, 253
Glass ceramics, 21–22, 315–316

advantages, 22
crystal growth in, 22
disadvantages, 37
nucleation in, 22

Glasses, 19–21
amorphous glass

density–temperature relationship, 20
crystalline solid

density–temperature relationship, 20
glass-ionomer cements (GICs),

254, 321
structures

formation, 20
Na2O as network modifier, 21
network structure, 21
open network structure, 21

See also Bioactive glasses; Glass-ceramics
Glycine, 138, 218
Glycoproteins, 231, 377–378
Glycosaminoglycans (GAGs), 98–99, 132,

231, 377
Grain boundaries, 52
Grain pull-out, 189
Granulation tissue, 201–202

active macrophage cells, 201
angiogenesis, 202
fibroblast cell activity, 202
neutrophil activity, 202

Gravimetric porosity measurement
methods, 15

Griffith crack theory, 8
Guided bone regeneration

(GBR), 304
Guinea pig maximization test (GPMT),

281–282

H
Hair follicles, 380–381
Hall-Petch equation, 7
Haptens, 213, 281
Hard contact lenses, 332
Hard tissue implants, 286
Hard tissue responses, 207–209
Haversian systems, 23
Heamocompatibility of biomaterials, 209
Hematology category in hemocompatibility

testing, 278
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Hemocompatibility, testing, 275–279
coagulation category, 278
complement system activation, 278
ex vivo approach, 283
fibrin clot, 276

extrinsic system, 276
intrinsic system, 276

hematology category, 278
immunology category, 278–279
in vitro approach, 284
in vivo approach, 284
platelets category, 278
thrombosis category, 277

Heparin, 98
heparin sulfate, 98

Hepatocytes (HCs), 502
Hermetic sealing, for bioMEMS

fabrication, 464
Herpes simplex infection, 334
High cycle fatigue (HCF), 52
High noble (HN) alloys in dental applications,

299–300
High velocity spraying (HVOF), 17
Hill’s three-element model, 142–143
Hip prosthesis, 349–366

hip arthroplasty, 351
See also Total hip replacement (THR)

Hot isostatic pressing (HIP), 12, 62
CoCrMo wrought alloys, 64

Human body environment, metallic
biomaterials interaction with,
155–169

Hyaline cartilage, 131
Hyaluronan, 377
Hyaluronic acid, 98, 340, 416, 418
Hybrids, 323
Hydrodynamic lubrication, 184
Hydrogel polymers, 92–93
Hydrogels, 329–330
Hydrogen induced cracking (HIC), 176–177
Hydrophilic polymers, 433
Hydrophobic composition, proteins, 223
Hydroxyapatite (HA), 3, 25

biomedical use of, 29–30
coatings, 34–36

hip stems, 34
stems, 34
thermal spray coatings, 36
VPS HA coating, 36

dense HA, 15
HA coated titanium, dental applications,

309–310
open porous HA, 15

orbital implant, 336
porous HA, 31
thermal spray coatings, 17–19

Hydroxyproline, 138
Hypermetropia (long-sightedness), 330–331
Hypersensitivity, 213

dermal hypersensitivity, 281
repeated-patch test method (also called

Buehler-test), 281
See also Allergies

Hypersensitivity/allergic responses, testing,
279–282

maximization test method, 281–282
Hypodermis layer, skin, 379

I
Immune complex reactions, 280–281
Immune system response to burn injury,

386–387
Immunology category in hemocompatibility

testing, 278–279
Implant fabrication, metals and processes for,

54–55
Co-based alloy implants, 58
load-bearing applications, 54
long-term (joint replacements)

applications, 55
Ni-Ti alloys (Nitinol), 73–74
orthopedic implants, 53–54
shorter term (fracture fixation)

applications, 55
Zr-Nb alloys, 72–73
See also Austenitic stainless steel implant

metals; CoCrMo cast alloys;
CoCrMo wrought alloys

Implant fracture, 52
Implants/Implantable devices, 304–313

infections associated with, 245–248
central venus catheters (CVC), 245
orthopedic prosthetic infections,

246–248
prosthetic heart valves, 246
urinary catheters, 246

See also Dental implants
In-ceram crown dental restorations, 315, 317
Inert implant materials, 26
Inert polymers, 87–96

hydrogel polymers, 92–93
polyacrylates, 89–90
polyamides, 93–94
polyesters, 95
polyurea, 94
polyurethane, 94
See also Polyethylene; Silicones
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Infection-preventing biomaterials, developing,
250–251

coatings, 251
active, 251
passive, 251

metal ions in, 251
copper, 251
gold, 251
silver, 251

Infections, 206–207, 239–258
antibiotics for, 248–250
See also Biomaterials: associated

infections; Oral infections
Inflammation, 201–213

See also Acute inflammation; Chronic
inflammation; Granulation tissue

Injection molding techniques, 117
for bioMEMS fabrication, 463

Inlays, 313
Integrated manufacturing system, prostheses

production, 513
Integrins, 232
Integumentary system

development, 382–383
dermis, 382–383
epidermis, 382

skin, 372
Interatomic bonding, metallic, 42
Interatomic forces, metals, 48–50
Interfacial tension, 340–345
Intergranular corrosion, 177–178
International Organization for Standardization

(ISO), 262, 541
Interphase boundaries, 52
Intima layer, arteries, 143
Intracorporeal (implanted) materials, 84
Intraocular lenses, 327
Intraocular pressure (IOP), 335
In vitro assays, 211
In-vitro BioMEMS reliability, 449
In vitro genotoxicity tests, 283
In vitro pyrogen test (IPT), 288–289
In vivo applications, BioMEMS for, 449,

469–470
Ion implantation, 17
Isoelectric point, proteins, 223
Isokinetic (same speed) activation, muscles,

142
Isometric (same length) testing,

muscles, 142
Isostatic pressing, 10–12

cold, 11
hot, 12

Isotonic (same load) testing, muscles, 142
Isotropic etching techniques, 460

J
Joint biomechanics, 147–148

description, 147
function of, 147
mechanical stresses of joints, 148
synovial fluid, 147–148

Joint prostheses, wear in, 190–191
ceramic metals in, 194

alumina, 194
zirconia, 194

mechanisms, 190
abrasive, 190
adhesive, 190
corrosive, 190
fatigue, 190

metal-on-metal joint prostheses, 194
scratches, 191
two-body abrasive wear, 191

Joint replacement implants, 55
Junctions, adhesive wear, 186

K
Keratan sulfate, 98
Keratinocytes, 136, 372–373
Keratohyalin, 376
Keratoprostheses, 327, 334

L
Lactate dehydrogenase (LDH), 270
Lacunae, 23, 130
Lamellar bone, 125
Laminin, 231
Langer lines, 138
Langerhans cells, 374
Laplace’s law, 146
Laser ablation, 460
LaserskinTM, 398
Lathe-cut particles in dental applications, 297
Lattice defects, 53
Lattice invariant, 45–46
Leucite, 316
Li2O–ZnO–SiO2 bioactive glasses, 36
Liability/Liability issues, 525, 534–538

Article 3, 534
Article 6, 535
Article 7, 535
Article 17, 536

Ligament biomechanics, 138
composition, 138–139
preconditioning, 140
relaxation tests, 140



556 Index

Ligament biomechanics (cont.)
structure, 138–139
tendons versus, 138
type I collagen, 138
viscoelasticity, 140
See also Tendon

Limb movement, 142
Limulus amoebocyte lysate (LAL) test,

288–289
Line defects, 44
Liquid-based techniques, for TE scaffolds,

505–508
rapid freeze prototyping (RFP), 507–508
stereolithography apparatus (SLA),

505–507
Liquid displacement porosity measurement

method, 16
Liquid phase sintering, 12
Local lymph node assay (LLNA), 282
Local responses, 207
LostWax (Investment) casting technique, 298
Low cycle fatigue (LCF), 52
Low pressure chemical vapor deposition

(LPCVD), 460
Low-temperature deposition manufacturing

(LDM) system, 498
Lubrication, 183–185

elastohydrodynamic lubrication, 185
weeping lubrication, 185

M
Macrophage activity, 205
Mammalian cell culture, 263–287

anchorage-independent growth, 266
equipment for, 267
in vitro-testing, 266
isolation protocol for cells from fresh

tissues, 264
permanent cell lines, 263–264

in vitro, 265
primary cells, 263–264

in vitro, 265
See also Cytotoxicity testing

Manual-based scaffold fabrication techniques,
conventional, 495–496

Manufacturing issues, 525–544
audit, 538–540
copyright, 531–532
EPC contracting countries, 530
finally litigation, 533–534
liability, 525
PCT contracting countries, 530–531
quality, 526, 538

registered design, 532–533
specifications, 526, 538, 543
standards, 526, 538, 541–542
trade marks, 532
See also Liability; Patents

Martensitic transformations, 46
Matrix, 380
Maximization test method, 281–282
Mechanical properties, burn dressing

biomaterials, 393
Mechanical stresses of joints, 148
Media, arteries, 143
Medical ceramics, 25

bioactive, 26
inert, 26
osteoconductive, 26
osteoinductive, 26
resorbable, 26
See also Alumina; Hydroxyapatite;

Zirconia
Medical Device Directive (MDD), 541
Medical grade alumina, 27
Melanocytes, 373

melanocyte stimulating hormone (MSH),
373

Melt molding, for scaffold fabrication, 429
Mercury porosimetry, 15
Merkel cells, 373
Metallic biomaterials, 41–79

atom packing in, 42–43
BCC, 43
FCC, 43
HCP, 43

corrosion resistance, 54
diffusion in, 47
diffusive phase transformation, 43–46
dispersion strengthening, 52
displacive phase transformation, 43–46
elastic moduli, 48–50
fatigue failure, 52–53
fracture, 52
grain boundaries, 52
interatomic bonding, 42
interatomic forces, 48–50

attractive energy force, 49
repulsive force, 49

interphase boundaries, 52
lattice defects, 53
line defects, 44
mechanical properties, 49
orthopedic implant applications, 53
phase transformations, 43–46
planar defects, 44, 53
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plastic deformation, 51–54
crystal line defects, 51
dislocations, 51

point defects, 44, 53
precipitation hardening or

strengthening, 51
solid solution strengthening, 51
solidification during casting, 47
strain hardening, 51
‘stress shielding’ effect, 50
structure-insensitive properties, 48–50
structure-property relations, 41
structure-sensitive properties, 51–54
yield strength, 53
See also Implant fabrication

Metals, 41–79
for BioMEMS, 453–454
corrosion, 155–181

See also individual entry
for dental application, 296–313

See also under Dental applications
metal-ceramic restorations, 314–315

See also under Ceramics
metal injection molding (MIM), 64
See also Metallic biomaterials

Methacryloxy-propyltris (trimethyl siloxy
silane) (TRIS), 329

Metronidazoleazolezole, 253
Micro fluidic elements, BioMEMS, as building

blocks, 445–446
Microleakage, dental restorations, 254
Micromachining techniques, 448, 466
Microscopic electro-mechanical systems

(MEMS), 443–471
See also BioMEMS

Micro-surgical tools, BioMEMS as, 470–471
Middle or transitional zone, articular

cartilage, 130
Mill-annealed treatment, in titanium-based

alloys, 69–70
Mineral component in bone, 24–25
Mineral content, bone, 125
Miniature gas chromatographs (MGC), 468
Minocycline, 253, 256
ModelMaker II (MM II), for TE scaffolds,

501–502
advantages, 509
computer-aided software, 501
disadvantages, 509
lost mold technique, 501

Monolithic ceramics, in dentistry, 316
Mouse lymphoma assay (MLA), 285
Muscle biomechanics, 140–143

axial mechanical tests, 142
isokinetic (same speed) activation, 142
isometric (same length) testing, 142
isotonic (same load) testing, 142

composition, 140
concentric action (or contraction), 142
contractile properties, 141
distribution of, 141
eccentric action, 142
Fibers type I, 141
Fibers type II, 141
functional properties, 141
limb movement, 142
structure, 140

Myopia (short-sightedness), 330–331

N
Nails, 381
Nanoscale biomaterials, 234–235
Natural biopolymers, 96–102

alginates, 99–100
celluloses, 97
chitin, 100
chitosan, 100
chondroitin sulfate, 98
collagen, 96–97
dermatan sulfate, 98
dextran, 101–102
fibrin, 97
gelatins, 96–97
glycosaminoglycans (GAGs), 98–99
heparin sulfate, 98
heparin, 98
hyaluronic acid, 98
keratan sulfate, 98
polysaccharide hydrogels, 97–98
for scaffold fabrication, 415–421

Near ß-Ti alloys, 71–72
See also under Titanium-based alloys

Necrosis, 273
Nernst equation, 173
Network modifiers, glass, 21
Nickel based alloys

Ni-Ti alloys (Nitinol), 73–74
in orthodontics, 74, 303

Noble (N) alloys in dental applications,
299–300

Nucleation in glass-ceramics, 22
Nylon 6, 93
Nylon 6.6, 93

O
Occluded corrosion cells, 174
Occlusive burn dressings, 395–397
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Opacifiers, 314
Ophthalmic biomaterials, 327–346

interfacial tension, 340–345
oxygen delivery, 328–330
posterior vitreous detachment (PVD), 341
tamponades, 340–345

See also individual entry
tissue integration, 333–339
tissue protection, 332–333
vitreous, 340
wound healing, modulation of, 339–340

Glaucoma, 339
See also Contact lenses; Refraction; Retinal

implants; Tissue integration
Oppenheimer effect, 213
Opsonisation, 204
Oral galvanism, 172
Oral implants, see Dental implants
Oral infections and biomaterials, 252–258

bacteria associated with, 253
caries, 253
osteomyelitis, 253
periodontitis, 253
pulpal and periapical, 253

dental caries, 252–256
periapical disease, 252–256
periodontal disease, 256–258
See also Restorations

Orbital implant, 335
extrusion in, 336
HA, 336

Orthodontics, 74–76
Nitinol use in, 74
wrought alloys as, 302–304

Orthopedic implant metals, 53–54
See also Austenitic stainless steel implant

metals
Orthopedic prosthetic infections, 246–248

antimicrobial therapy, 247
bone cement use in, 247
surgery for, 247

Osseointegration, 306–307
Osseous tissue, structure, 125
Osteoblasts, 124
Osteocalcin, 124
Osteoclasts, 124
Osteoconductive implants, 26
Osteocytes, 124
Osteoinductive implants, 26
Osteolysis, 190, 366
Osteomyelitis, 253
Osteonectin, 124
Osteons, 23, 25

Osteoprogenitor cells, 124
Oxidation, electrochemical reaction, 157
Oxygen delivery, in ophthalmic biomaterials,

328–330

P
Packaging, for bioMEMS fabrication, 464
Papillary dermis, 378
Paracorporeal or extracorporeal materials, 85
Partial thromboplastin time (PTT), 278
Partially stabilized zirconia (PSZ), 194
Parylene, 455
Passive antimicrobial coatings, 251
Passivity, 169
Patch test, 281

repeated-patch test method, 281
Patents/Patents issues, 525, 526–534

applications, formal pattern, 527
essential criteria, 528

Perfluorocarbon (PFC), 344
Periapical disease, 252–256
Perimysium, 141
Periodontal disease, 256–258

periodontal formulations, 257
Periodontitis, 253
Permanent cell lines, biocompatibility

testing, 263
Permeability, of cartilage, 133–134
Phagocytosis, 203, 205
Phase separation, in scaffold fabrication, 429
Phase transformations, metals, 43–46

diffusive phase transformation, 43–46
displacive or martensitic phase

transformation, 43–46
Phosphoric acid, 321
Photolithography

for bioMEMS fabrication, 457–458
UV photolithography, 457

Physical methods, 240
Pitting corrosion, 174–176
Planar defects, 44, 53
Plasma assisted dry etching, for bioMEMS

fabrication, 460
Plasma spraying, 309
Plastic deformation in metallic biomaterials,

51–54
Platelets form implants, 309
Platelets category in hemocompatibility

testing, 278
Platinum, 75
Platinum-Iridium, 75
Point defects, 44, 53
Polar amino acids, 219
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Polyacrylates, 89–90
poly(2-(dimethylamino)ethyl methacry-

late), 90
poly(2-hydroxyethyl methacrylate), 90
poly(methyl methacrylate), 90
poly(methyl methacrylate)-co-(methacrylic

acid), 90
Polyamides, 93–94

Nylon 6, 93
Nylon 6.6, 93

Polyanhydrides, 109, 422, 426
Polycaprolactone (PCL), 504–505
Poly(ε-caprolactone) (PCL), 424–425
Polycarbonates, 109, 422, 427
Polycarboxylate, 321
Polycarboxylic acid cements, 321
Poly(dimethylsiloxane) (PDMS), 455
Polydimethyl siloxane contact lenses, 329–330
Poly(D,L-lactic zed acid-co-glycolic acid)

(PLGA), 424
Poly(e-caprolactone), 422
Polyesters, 95, 106–108, 421–426

for scaffold fabrication
PGA, 421–423
poly((L-lactic acid), 422–424
poly(e-caprolactone), 422, 424–425
poly(ethylene glycol), 422, 427–428
poly(propylene fumarate), 422, 425
polyanhydride, 422, 426
polycarbonate, 422, 427
polyorthoester, 422, 425–426
polyphosphazene, 422, 426–427
polyurethane, 422, 428

Polyetheretherketone (PEEK), 504
Polyethers, 95–96

poly(ethylene glycol) (PEG), 95
poly(ethylene oxide) (PEO), 95
poly(propylene oxide) (PPO), 96

Poly(ethylene glycol) (PEG), 422, 427–428
Polyethylene polymers, 90–92

total hip replacement, 92, 359–360
total knee replacement, 92
wear in, 192

Poly(ethylene terephthalate), 95
Poly(glycolic acid) (PGA), 423

for scaffold fabrication, 421–423
Poly(2-(hydroxyethyl methacrylate) (HEMA)

hydrogels, 89
Polyhydroxyethylmethacrylate (pHEMA), 329
Poly(L-lactic acid) (PLLA), 422, 423–424, 502

poly(D-lactic acid), 423
poly(D,L-lactic acid), 423

poly(D,L-lactic acid-co-glycolic acid)
(PLGA), 424

poly(L-lactic acid) (PLLA), 423
Poly-L-lactide acid (PLLA), 504–505
Polymeric biomaterials, 83–118

characterization, 111–115
adsorbed and immobilized protein

determination, 114
blood compatibility, 114
chemical properties on surfaces,

112–113
in vitro cell growth, 114
minimum requirements for, 111
physical properties of surfaces, 113

fabrication technology, 115–117
extrusion, 115–117
injection molding, 117

nomenclature, 83
See also Bioactive polymers; Biopolymers;

Inert polymers; Natural biopolymers
Polymeric drug conjugates/polymeric protein

conjugates, 104–105
Polymeric prodrugs, 105
Polymers

for dental applications, 320–323
compomer cements, 321–322
composite dental materials, 322–323
dental cements, 320–322
dentures, 320
glass-ionomer cements, 321
polycarboxylate, 321
polycarboxylic acid cements, 321
resin cements, 322
zinc oxide eugenol (ZOE), 321
zinc phosphate, 321

See also individual entries; Scaffolds
Polymethylmethacrylate (PMMA), 320,

329, 352
Poly(methyl methacrylate-co-co-

n-butyl methacrylate)
(PMMA), 504

Polyorgano-polysiloxanes, 87
Poly(ortho esters), 109
Polyorthoesters (POE), 422, 425–426
Polypeptides, 415, 419–421

collagen, 419–421
gelatin, 420
silk, 420–421

Poly(phosphate ester), 110
Poly(phosphazenes), 110
Polyphosphazene, 422, 426–427
Poly(propylene fumarate) (PPF), 422,

425, 506
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Polysaccharides, 415, 417–419
agarose, 416, 417
alginate, 416, 417–418
hydrogels, 97–98

Polyurea, 94
Polyurethane, 94, 422, 428
Poly(vinyl alcohol) (PVA), 92–93
Porcelain dentures, 296
Porcelain fused to metal (PFM) restorations,

77, 295, 298
Porous bioceramics, 30–33

from coral or animal bone, 30
synthetic, 30

Porous ceramics, 13
porosity measurement in, 15

apparent porosity, 16
gravimetric methods, 15
liquid displacement method, 16
mercury porosimetry, 15
micro CT, 16
true porosity, 16

Porous coatings
for bone ingrowth, 65–66
in total hip replacement, 365

Porous cylindrical poly(L-lactic acid) (PLLA)
scaffolds, 498

Porous polylactide-coglycolide (PLGA)
scaffolds, 502

Posterior vitreous detachment
(PVD), 341

Pourbaix diagrams, 166–167
Powder-based techniques, for TE scaffolds,

502–505
selective laser sintering (SLS),

503–505
three-dimensional printing (3D-P),

502–503
Powder processing, ceramics, 5–7

costs of, 13
diffusion mechanisms, 7
sintering, 6, 7

Power of accommodation, 331
Praline, 138
Precipitation hardening or strengthening, 51
Precise extrusion manufacturing

(PEM), 498
Pressureless sintering, 10
Preventive dentistry, 295
Primary cells culture, biocompatibility

testing, 263
Pro OsteonTM, 30
Processing, ceramic, 5
Proline, 218

Prostheses, 512–514
case studies, 515–518

prosthetic ear, 515–516
prosthetic forehead, 516–518

casting of actual prosthesis, 514
extraoral facial prostheses, 512
fabrication via RP, 514
for facial deformities, 512
prostheses production, integrated approach

to, 513–514
CAD remodeling, 513
data acquisition, 513–514
fabrication of prosthesis via

RP, 513
trial fitting and casting of actual

prosthesis, 513
Prostheses, wear in, 190–191

articulation between
anticipated bearing surfaces

(Mode 1), 190
primary bearing surface and an

unintended surface (Mode 2), 190
two nonbearing secondary surfaces

(Mode 4), 190
three-body wear process (Mode 3), 190
See also Joint prostheses

Prosthetic heart valves, infections associated
with, 246

Protein interactions at material surfaces,
223–228

conformation, 230–231
density, 230
extracellular matrix proteins (ECM),

231–232
kinetics, 229
protein adsorption on surfaces,

228–233
surface chemistry, 227–228
surface energy, 226–227
surface topography, 224–226
thermodynamics, 229

Proteins
BioMEMS for, 467–469
�-helix structure, 218
hydrophobic composition, 223
isoelectric point and solubility, 223
primary structure, 217, 222
properties, 215–223
quaternary structure, 221–222
secondary structure, 217–220, 222
�-sheet structure, 218
structure, 216–222
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tertiary structure, 220–222
hydrophobic interactions, 220–221
noncovalent interactions, 220–221
Van der Waals interactions,

220–221
See also Amino acids

Proteoglycans (PGs), 124, 132, 231, 377
Pseudoelasticity, 46
Pulpal and periapical, 253
Pushout tests, 37
Pyrogens, 288–289

Q
Quality issues, 526, 538
Quantitative cytotoxicity assays, mammalian

cell culture, 270

R
Radiation, for sterilization, 240–241
Ramusframe dental implants, 304, 307
Rapid freeze prototyping (RFP), for TE

scaffolds, 507–508
advantages, 509
disadvantages, 509

Rapid prototyping (RP), 430, 493–518
rapid prototyping robotic dispensing

(RPBOD), 498
for TE scaffolds, biomedical

applications, 494
See also Scaffold-guided TE

See also Prostheses
Recrystallization, 57
Reduction, electrochemical reaction, 157
Refraction, 330–332

aphakia, 330
astigmatism, 330
cataract, 331
hypermetropia (long-sightedness), 330
myopia (short-sightedness), 330
power of accommodation, 331

Registered design issue, 532–533
Remodeling, bone, 129–130

osteoclast, 129–130
Repair, 203–204

local factors, 204
systemic factors, 204

Resin, 322
Resin–modified glass ionomer cements

(RMGICs), 255
Resorbable implant materials, 26
Restorations, dental

microleakage problem, 254
restorative materials,

composition, 254

Restorative dentistry, 295
casting alloys in, 298

Reticular dermis, 378
Reticulated foams, 13, 15
Retinal detachment, 340
Retinal implants, 337–339

epiretinal approach, 337, 339
subretinal approach, 337

Retinitis pigmentosa, 337
Retinopexy, 341–342
Reverse mutation test, 283
Rhegmatogenous retinal detachment, 341
Rigid gas permeable contact lenses, 329
Root form implants, 304, 317

S
Sacrificial layer technique

for bioMEMS fabrication, 462
photoresist (PR) sacrificial layer, 462

Sarcomas, 212
Scaffold-guided TE, 494–495

advantages, 509
automated scaffolds fabrication, solutions

for, 508–512
CAD strategies, 508–512
computer-controlled freeform fabrication

techniques for, 496–508
See also Solid-based techniques

disadvantages, 509
manual-based scaffold fabrication

techniques, 495–49
pre-requisites for, 494–495
roles of, 494–495

Scaffolds, 415–435
biocompatibility, 433–434
biodegradability, 434–435
fabrication techniques, 428–430

fiber bonding, 428–429
freeze drying, 430
gas foaming, 430
melt molding, 429
natural polymers for, 415–421
phase separation, 429
rapid prototyping, 430
solvent-casting particulate-leaching,

429
synthetic polymers, 421–428, See also

Polyesters
mechanical properties, 435
natural, 415–435
scaffold design, properties for, 431–435

curing of polymer into tissue
engineering scaffold, 431
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Scaffolds (cont.)
foam, 433
hydrophilic polymers, 433
macrostructure, 432–433
meshes, 433
polymer assembly, 431–432
prefabricated scaffold, 431–432
sponge scaffolds, 433
surface properties, 432–433

synthetic polymeric, 415–435
tissue engineering scaffolds, 416
See also Polypeptides; Polysaccharides

Scar tissue, 203
Scratches, 191
Sebaceous glands, 380
Selective laser sintering (SLS), for TE

scaffolds, 503–505
advantages, 509
limitations, 505, 509
polycaprolactone (PCL), 504–505
polyetheretherketone (PEEK), 504
poly-L-lactide acid (PLLA), 504–505

Semifluorinated alkanes (SFA), 344
amphiphilic properties of, 345
solubility in silicone oil, 345–346

Semi-occlusive dressings, 395–397
Sensitization, see Hypersensitivity
Shape memory alloys (SMA), 73

Ni-Ti, 45–46
austenite-to-martensite

transformation, 46
martensitic transformation in, 46

Shape memory effect in TiNi, 303
austenite finish (Af), 303
austenite start (As), 303
martensite finish (Mf), 303
martensite start (Ms), 303

�-Sheet structure of proteins,
218–219

Silicon, for BioMEMS, 452–453
Silicone oil, 342–343
Silicones, 87–89

chemical properties, 88
cyclic silicones, 88
linear silicones, 88
physical properties, 88

Silk, 416, 420–421
proteolytic degradation, 421
sources of, 420
structure, 420–421

Siloxane-based materials, 329
Silver sulfadiazine, 388
Single cell gel electrophoresis, 283

Sintering
in ceramic processing, 6, 7
‘green state’ before sintering, 10
liquid phase sintering, 12
See also Pressureless sintering

SiO2-CaO–Na2O–P2O5 bioactive glasses, 36
Sister chromatid exchange assay (SCE),

285–286
Skeletal muscles, 140–141
Skin, physiology of, 371–381

appendages, 379–381
See also Sebaceous glands; Sweat

glands
basic organization, 372–374
cellular composition, 372–374
dermal-epidermal junction (DEJ) zone,

378–379
dermis, 377–378
epidermis, 374–377

See also individual entry
fibroblasts, 374
functions of, 381
hair follicles, 380–381
hypodermis, 379
integumentary system, 372
keratinocytes, 372–373
Langerhans cells, 374
melanocytes, 373
Merkel cells, 373
nails, 381

Skin biomechanics, 136–138
anisotropic behavior, 138
composition, 136–137
dermis, 136
epidermis, 136
functions of, 136
stratum germinativum, 137
stratum granulosum, 137
stratum lucidum, 137
stratum spinosum, 137
structure, 136–137
thick skin, 136–137
thin skin, 136
viscoelastic behavior, 137–138

Skin substitutes, for burn injury, 394–402
allogenic cells, incorporation, 394
epidermal substitutes, 394–398

cultured allogenic keratinocytes, 395
cultured autologous keratinocytes,

395–398
occlusive dressings, 395
semi-occlusive dressings, 395

synthetic materials, 394
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Socket or acetabular cup, 353–354
for use with cement, 353
for use without cement, 353

Sodium dodecyl sulfate (SDS), 230
Soft contact lenses, 329

hydrogel, 329
polydimethylsiloxane, 329

Soft tissue implants, 286
Soft tissue responses, 207–209
Soft-shell technique, 333
Soldering, 298, 302

post soldering, 302
presoldering, 302

Solid-based techniques, for TE scaffolds,
497–502

fused deposition modeling (FDM),
497–501

low-temperature deposition manufac-
turing (LDM) system, 498

porous cylindrical poly(L-lactic acid)
(PLLA) scaffolds, 498

precise extrusion manufacturing
(PEM), 498

rapid prototyping robotic dispensing
(RPBOD), 498

sacrificial molds in conjunction with
casting methods, 500

using high density polyethylene
(HDPE), 499

ModelMaker II (MM II), 501–502
computer-aided software, 501
lost mold technique, 501

Solid freeform fabrication, see Rapid
prototyping (RP)

Solid solution strengthening, 51
Solubility, proteins, 223
Solvent-casting particulate-leaching, for

scaffold fabrication, 429
Specifications issues, 526,

538, 543
Spherical particles dental

applications, 297
Spongy bone, 23
‘Stress shielding’ effect, 50
Stainless steel, as orthodontic wires, 303
Standard hydrogen electrode (SHE), 158–160,

159n4
Standards issues, 526, 538, 541–542
Staphylococcus epidermidis, 245
Static friction, 184
Steam autoclaves, for sterilization, 239–241
Stem, 354

Stereolithography apparatus (SLA), for TE
scaffolds, 505–507

advantages, 509
for bioMEMS fabrication, 463–464
disadvantages, 509
image-based approach, 506
stereolithography system (SLA-1), 493
using ceramic materials, 506
using HA, 506
using PPF, 506

Sterility/Sterilization, 239–258
for disinfection of biomaterials and medical

devices, 240
chemical method, 240
dry heat, 240–241
ethylene oxide, 240
physical methods, 240
radiation, 240–241
steam autoclaves, 240

steam autoclaves, 239–241
Strain hardening, 51
Strampelli osteo-odontao-keratoprosthesis, 334
Stratum basale, 375
Stratum corneum, 375–377
Stratum germinativum, 137, 375
Stratum granulosum, 137, 375, 376
Stratum lucidum, 137, 376
Stratum spinosum, 137, 375–376
Stress corrosion cracking (SCC), 176–177
Stress induced martensite (SIM), 46
Stress shielding, 362
Stribeck curve, 184
Strock’s dental implants, 305
Stroma, 328–329
Structure-insensitive properties, metals, 48–50
Structure-sensitive properties, metallic

biomaterials, 51–54
SU-8 photosensitive epoxy, 455
Subperiosteal dental implants, 304–306, 308
Supercooled liquid, 19–20
Superelasticity, 46
Superficial zone, articular cartilage, 130
Surface engineering processes, 16–17

vacuum plasma spraying, 18
See also Ion implantation; Thermal spray

coatings
Surface fatigue, 187
Surface micro-machining

for bioMEMS fabrication, 461–463
dry etching, 461
sacrificial layer technique, 462
thin films for, 461
wet etching, 461
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Surface modification
of CoCrMo implants, 65–66
for wear resistance, 195

diamond-like carbon coatings, 195–196
Surface treatments, in biomaterial dental

applications, 309–312
acid etched Ti surface, 310
bioactive glass coating, 310–311
biomimetic surface modifications, 309
HA coated Ti surface, 309, 310
titanium plasma spray (TPS), 309
TPS coated Ti surface, 310

Sweat glands, 380
apocrine sweat glands, 380
coiled gland, 380
eccrine sweat glands, 380
intradermal duct, 380
intraepidermal portion, 380

Swelling, cartilage, 135
Synarthrosis joints, 147
Synovial fluid, 147–148
Synthetic polymers for scaffold fabrication,

421–428
disadvantage, 421
polyesters, 421–426
See also Polyesters

Systemic antibiotic prophylaxis
in biomaterials associated infections

treatment, 248–249
Systemic responses, 207

T
Tafel equation, 162–163

Tafel polarization lines, 165
Tamponades, 340–345

air bubbles, 343
external tamponade, 341
gaseous tamponades, 342
internal tamponade, 341
silicone oil bubbles, 343
See also Semifluorinated alkanes (SFA)

Tantalum, 74–75
Tape casting, 13
Targeted polymeric drug, 105–106
Tenascin, 231
Tendon biomechanics, 138

composition, 138–139
hierarchic structure of, 139
ligament versus, 138
preconditioning, 140
relaxation tests, 140
structure, 138–139
type I collagen, 138

viscoelasticity, 140
See also Ligament

Tetracycline, 253, 256
Tetragonal zirconia polycrystals (TZP), 194
Tetramethyl ammonium hydroxide-water

(TMAH), 460
Thermal spray coatings, 17
Third-body wear, 188–189
Three-dimensional printing (3D-P) technique,

for TE scaffolds, 502–503
advantages, 509
limitations, 503, 509

Thrombosis category in hemocompatibility
testing, 277

Thymol, 253
Tissue Engineering (TE), 494

scaffolds, biomedical applications, see
Scaffold-guided TE

tissue-engineered skin substitutes, 398
Tissue integration, ophthalmic biomaterials,

333–339
artificial cornea transplants, 334–335
artificial eye, 335
orbital implant, 335

Tissue protection, ophthalmic biomaterials,
332–333

Tissue specific aspects of biocompatibility
testing, 286–287

Titanium based alloys, 67–68
in dental applications, 300–301

biocompatibility of, 301
mechanical properties of, 70

α–ß alloys, 70
ß-anneal treatment, 70–71
ß/near-ß alloys, 70

near ß-Ti alloys, 71–72
ß-stabilizers, 67
α-stabilizers, 67
(α + ß) Ti alloys, 69–71
ß-Ti alloys, 71–72

as orthodontic wires, 303
Ti-35Nb-5Ta-7Zr alloy (TNZT), 72
in total hip replacement, 362–363
See also Commercial purity Ti

Titanium implants, 17
Titanium plasma spray (TPS), 309
Total hip replacement (THR), 27

alumina, 357–358
physical characteristics, 358

ball, 354
cemented THR, 355
Cobalt based alloys, 360–362
Co–Cr–Mo alloys, 360
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components, 352–356
design of, 352–356
design variation of, 365–366
fixation of, 354–356
history, 351–352
interpositional (mould) arthroplasty, 351
materials for, 356–365

ceramic head in a ceramic cup, 356
ceramic head in a polymeric cup, 356
materials combination in, 356
metallic femoral head in polymeric

acetabular cup, 356
metallic head in a metallic cup, 356
See also under Coatings

polyethylene, 359–360
socket or acetabular cup, 353–354
stem, 354
Ti based alloys, 362–363

properties, 364
Ti–6Al–4V, 362

UHMWPE, 356, 359
uncemented THR, 355
Yttria stabilized zirconia, 358–359

Toughening, transformation toughening,
9–10

Trabecular bone, 23, 124–126, 128–129
architecture, 128
mechanical properties, 128
stress-strain behaviors, 129

Trabeculectomy, 339
Trade marks issue, 532
Transducers, BioMEMS as, 444–445
Transformation toughening, 9–10
Transosseous dental implants, 304, 306
Transosteal dental implant, 308
Transpassivity, 169n13
Trial fitting, in prostheses production, 513
β-Tricalcium phosphate (TCP), 498
Trifluorothymidine (TFT), 285
TUNEL method, 274
Twinning, 45–46

U
Ultra high molecular weight polyethylene

(UHMWPE), 91, 356
wear in, 192
zirconia ceramic-on-UHMWPE

prosthesis, 357
Uniform dissolution, 170–171
Unscheduled DNA-synthesis test (UDS), 283
Urinary catheters, infections associated

with, 246
Utah slanted electrode array, 470

V
Vacuum plasma spraying (VPS),

17–19
Vascular compliance, 146
Vascular tissues, 144

elastic fibers, 144
endothelium, 144
lax connective tissue of adventia, 144
smooth muscle, 144

Veneers, 313
Viscoelastics, 333

cohesive, 333
dispersive, 333
viscoelastic properties, of cartilage,

134–135
See also under Cartilage biomechanics

Viscous friction, 184
Vitallium, 305, 351
Vitrectomy, 343
Vitreous solids, 20, 340
Vitronectin, 230–231
Volkmann’s canals, 23, 124
Vulcanized rubber dentures, 296

W
Wear, 183–196

abrasive wear, 188–189
adhesive wear, 186–187
in biomedical devices and biomaterials,

190–196
chemical (corrosive) wear, 189
classifications, 185–189
delamination wear, 187
fatigue wear, 187–188
flow wear, 187
mechanisms, 185–189
oxidative wear behavior, 189
in prostheses, 190–191
third-body wear, 188–189
volume of, 191
wear-corrosion, 178
wear debris, formation, 186, 191
See also Friction; Lubrication

Wear resistance of biomedical materials,
191–196

crosslinking to improve, 193
H-type cross-linking, 193
irradiation, 193
peroxide chemistry, 193
silane chemistry, 193
Y-type cross-linking, 193

free radical species in, 193
polyethylene, 192
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surface modification for, 195
diamond-like carbon coatings,

195–196
ultra high molecular weight polyethylene,

192
Weeping lubrication, 185
Wet bulk micromachining

for bioMEMS fabrication, 459–460
chemical anisotropic etching, 459
isotropic etching techniques, 460
KOH etching, 459
low pressure chemical vapor deposition

(LPCVD), 460
Wrought alloys as orthodontic wire,

302–304
austenitic stainless steels, 302–303
beta titanium, 302–303
cobalt—chromium—nickel, 302–303
nickel—titanium, 302–303
shape memory TiNi alloys, 302

Wrought dental alloys, 78

X
Xenografts, 391–392
Xerophthalmia, 334

Y
Yttria stabilized zirconia, in total hip

replacement, 358–359
Yttria-tetragonal zirconia polycrystals

(Y-TZPs), 316

Z
Zeta potential analysis, 227
Ziegler Natta catalyst, 91
Zinc oxide eugenol (ZOE), 321
Zinc phosphate, 321
Zirconia (ZrO2), 3, 28–29

and alumina, properties comparison, 27
biomedical use of, 28–29

pore size and, 30
cubic phase, 29
in joint prostheses, 194

doped zirconia, 194
pure zirconia, 194

monoclinic phase, 28–29
structure, 4–5
tetragonal phase, 28
transformation toughening, 9–10

tetragonal to monoclinic phase, 10
Zr based alloy implants

Zr-Nb alloys, 72–73
Zone of calcified cartilage, articular cartilage,

130–131
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