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Introduction

Metallic materials are used as structural materials for medical devices in
the fields of orthopedic surgery, blood circulatory system and dentistry.
Approximately 70% of the structural materials employed in implants are
found to be metallic materials. The elderly population (over 65 years
old) is rapidly increasing all over the world, as shown in Fig. 0.1 (Yanno
Tsunetarou Memorial Foundation, 2009). The elderly population (over 60
years old) over the world is increasing by approximately 2-3% per year,
although the total population over the world is decreasing, as shown in Fig.
0.2 (Population Division of the Department of Economic and Social Affairs
of the United Nations Secretariat, 2009). In some countries such as Japan,
Italy, and Germany, the ratio of the elderly population to the total population

35.0 —
30.0—
25.0—
200
15.0—

10.0 —

Percentage of elderly population

5.0

China Korea

! ! ! ! ! ]
1980 1990 2000 2010 2020 2030
Year

0.7 Change and estimation of elderly (over 65 years old) population
(%).

© Woodhead Publishing Limited, 2010



XVi Introduction

4.00 -
.S 3.50 World population /'
® over 65 years old Te.
2 3.00 \ g
o N E .
Q- - ) \ // \\‘__ ,I \\
T 250} K o |
[} K \ / NS \
o)) N ) o “ v
© S ’ “
€ 2.00 |
(0] P
e
8 150
o
£
@ 1.00 Total world
o population
(&)
£ 050
000 1 1 1 1 1 1 1 1 1 1 1 1 1 1 1 1 1 1 1 ]
o) ) 2] <5 2] H »H No) 32 \2)
R S IS N
Year
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years old and total world population with year.

is already over 20%, especially in Japan where it is approximately 22%;
Japan is already the super aged society. Therefore, the number of elderly
people with failed tissue needing replacement with artificial instrumentations
made of metallic biomaterials is growing.

The metallic biomaterials are roughly grouped into stainless steels: mainly
SUS 316L stainless steel, cobalt (Co)—chromium (Cr) alloys, titanium (Ti;
pure titanium) and its alloys; mainly pure titanium and Ti-6mass% aluminum
(Al)-4mass% vanadium (V), and precious alloys (gold (Au) based, silver (Ag)
based or platinum (Pt) based alloys). The implant materials used for fabricating
artificial hip joints, other artificial joints, bone plates and screws, and artificial
tooth roots are mainly stainless steel, Co—Cr alloys, titanium and titanium
alloys. Precious alloys are mainly used as dental materials, for fabricating
dental products such as dentures, crowns, inlays and bridges. In the early
stage of the usage of the metallic materials as biomaterials, general structural
metallic materials were used. Now we are seeing a large number of metallic
materials composed of nontoxic and allergy-free elements and exhibiting
mechanical biocompatibility being proposed or under development.

The metallic materials used in biomaterials, namely metallic biomaterials,
do not possess bio-functionalities such as bone conductivity, bioactiveness
and blood compatibility. Hence, surface modification of metallic biomaterials
using bioactive ceramics, such as hydroxyapatite and biopolymers, is required.
The integration and harmonization of metals, ceramics, and polymers are
very important for developing metal-based bio-functional biomaterials;

© Woodhead Publishing Limited, 2010



Introduction XVil

these integrated materials should be called biometals. The harmonization of
metals, ceramics and polymers also leads to the harmonization of metallic
biomaterials and living tissues. If these sorts of metallic biomaterials are
established, then metallic biomaterials will become the scaffold used for
artificial organs

This book begins with an overview of metals used for biomedical
applications, including metal selection for biomedical devices. Part II contains
a discussion of mechanical behaviors, degradation and testing of metals
used for biomedical devices, including physical, mechanical, and corrosion
properties, fatigue and failure properties, mechanical testing and wear testing,
and biocompatibility of metallic biomaterials. Part III has chapters on metal
processing techniques used for biomedical applications, including forging
metals and alloys used for biomedical applications, surface treatment of
metallic biomaterials, coatings used for metallic biomaterials, biocompatible
polymer assembly on metal surfaces, and sterilization/cleaning of metallic
biomaterials. Part IV focuses on specific applications of metals used for
biomedical devices, including orthopedic applications of metallic biomaterials,
new-generation metallic biomaterials, and degradable metallic biomaterials,
made of Mg and Fe, used in cardiovascular stents and orthopedic fixation
devices.

Every chapter in this book is contributed by distinguished experts in
the biomaterials field. The editor (M.N. Mitsuo Niinomi) is grateful to all
the authors for their outstanding efforts. The editor is also grateful to the
staff of Woodhead Publishing Limited for their help and encouragement in
publishing this book.

References
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Nations Secretariat, World Population Prospects: The 2008 Revision, http://esa.
un.org/unpp, (2009).

Yano Tsunetarou Memorial Foundation, Sekai-kokusei-zue, Kokusei Co. Ltd, (2009),
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1

Overview of metals and applications

T. HANAWA, Tokyo Medical and Dental University, Japan

Abstract: This chapter discusses characteristics such as composition,
mechanical properties, corrosion resistance and surface properties, of metals
and alloys widely used for medical and dental devices. It first reviews the
advantages of metals and the properties required for medical devices, as well
as the application of metals to the devices, followed by an explanation of the
characteristics of each material as well as advanced future materials from the
biomedical viewpoint. The chapter will impart a basic knowledge of metallic
biomaterials.

Key words: metal, alloy, biomaterial, implant, medical device.

1.1 Introduction

The use of metals as raw materials has a long history and it can be said that
materials science and engineering have been based on research into metals.
However, metals are sometimes thought of as ‘unfavourite materials’ for
biomaterials because of memories of the environmental and human damage
caused by heavy metals. Since an improvement in the safety of metals for
medical use is vital, strenuous efforts have been made to improve corrosion
resistance and mechanical durability. In addition, metals are typically
artificial materials and have no biofunctions, which makes them fairly
unattractive as biomaterials. This viewpoint is short-sighted and is caused
by misunderstandings. On the other hand, the fast technological evolution
of ceramics and polymers has made it possible to apply these materials to
medical devices over the last three decades. In particular, because of their
excellent biocompatibility and biofunctions, ceramics and polymers show
useful properties as biomaterials; in fact, many devices made from metals
have been replaced by others made from ceramics and polymers. In spite of
this fact, over 70% of implant devices are still made from metals and this
percentage remains unchanged because of their high strength, toughness,
and durability. Therefore current metallic biomaterials cannot be replaced
with ceramics or polymers at present. In addition, research into their use in
regenerative medicine will not be completed for at least another few decades.
In other words, artificial materials such as metals will continue to be used
as biomaterials in the future.

This chapter looks at the utilization and types of metals employed in
medicine and dentistry. The properties and problems or the advantages and
disadvantages of metals used for medical devices are then explained. In

3
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4 Metals for biomedical devices

addition, new alloys are introduced that are currently being researched and
developed.

1.2 General properties required for metals in
medical devices

1.2.1 Biological environment

The biological environment that influences the durability of metals is
summarised in Fig. 1.1. The concentrations of chloride ions in serum and
interstitial fluid are 113 and 117 mEq L, respectively, which is 1/3 of the
concentration in brine and a seriously corrosive environment for metallic
materials (Fig. 1.1). Body fluids contain various amino acids and proteins
that influence metallic corrosion (Merritt and Brown, 1998; Williams et
al., 1988) because they are electrolytes. In addition, the concentration of
dissolved oxygen in venous blood is 1/4 that of air and in intercellular
spaces 1/80-1/4 that of air (Black, 1984), which accelerates the corrosion of
metallic materials. Changes in the pH of body fluids are small because the
fluids are buffered solutions and the pH usually remains between 7.0 and 7.35
(Black, 1984). The pH of the hard tissue into which a material is implanted
decreases to approximately 5.2 and then recovers to 7.4 within two weeks
(Hench and Ethridge, 1975). However, the local pH may change according

pH
{ Chemical environment J Blood 7.15-7.35
Intercellular space 7.0

Low dissolved

Oxygen concentration

Arterial blood 100 mmHg  Inorganic ion Cell 6.8
Venous blood 40 mmHg .
Intercellular space 2 ~40 Water molecule  Cell Biomolecule
mmHg Fibroblast

i . Body temperature Osteoblast Bacteria
ngf/'cet ial Active oxygen Blood cells

ell-material Generation with Macrophage

Material-material macrophage

Corrosion . Metals ' Fracture
Load '

Cancellous bone 0-4 MPa Load repetition

i ~ Wear
Cortlt_:al bone 0~40 MPa Myocardial contraction 5 x 10% -4 x 107/year
Arterial wall 0.2-1 MPa Finger joint exercise 10°-10%/year .
Myocardium 0-0.02 MPa ger | Y Fretting

; 6
Muscle (maximum) 40 MPa Ambulation 2 x 10%/year

Tendon (maximum) 400 MPa {

Mechanical environment J

1.1 Biological environment of metallic materials implanted into
human body.
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Overview of metals and applications 5

to the dissociation of protein in the body fluid and the isoelectric point of
protein (usually 5-7). The pH in an oral cavity may decrease to about 2 if
carbonated drinks and foods are ingested. The cell is also a kind of charging
body that may influence the corrosion of metallic materials.

Materials implanted in the human body are intermittently stressed with
loads due to weight and activity (Fig. 1.1). In particular, materials in the
lower extremities are intermittently loaded with stressors several times heavier
than body weight. In addition, loading is repeated a great number of times.
Such loads are applied in the chemical environment described above.

Under these conditions, material properties such as strength, toughness,
rigidity, elasticity, wettability, bioinertness, bioactivity, biodegradability and
X-ray imaging are required according to their purpose. Since biomaterials
are used in contact with living tissues, they need to be absolutely safe for
the human body. Moreover, it must be possible to sterilize biomaterials.
Needless to say, durability in the human body is also important. In particular,
corrosion resistance is required in metals.

1.2.2 Properties required for metals in medicine and
dentistry

Materials are categorised as metals, ceramics, and polymers (Fig. 1.2).
Metallic materials generally have a multi-crystal body consisting of metal
bonds. However, metal oxides, metal salts, metal complexes, etc. contain
metal elements, but since these are compounds consisting of ionic bonds
or covalent bonds, their properties are completely different from those of
metals consisting of metal bonds.

In the field of materials engineering, ceramics and metals are clearly
distinguished, despite the fact that both of them are categorised as inorganic
compounds. Each material has its own advantages and disadvantages, and
applications are determined according to their properties.

Metals have been utilised for dental restoration and bone fixation for the
past 2500 years and have a long history as biomaterials. The properties of
metals derive from their metal bonds and their advantages as biomaterials
are as follows:

r—————— bl
) | Metals :— Metal; Alloy - Metallic bond
Inorganic < |
. l

materials | Ceramics ',— Ceramics; Glass ------- lonic bond; Covalent bond

| |

; |
Organic__ 1 Natural polymer Covalent bond; lonic bond

materials— | POIYMers sy nihesised polymer

Composites

1.2 Category of materials and their chemical bonding.
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6 Metals for biomedical devices

high strength

high ductility; easy working
high fracture toughness
suitable elasticity and stiffness
high electroconductivity.

Metals and alloys are widely used as biomedical materials and are
indispensable in the medical field. The advantages of metals compared with
ceramics and polymers are their great strength and resistance to fracture.
In particular, toughness, elasticity, rigidity, and electrical conductivity are
essential properties for metals used in medical devices. The metals used
for such devices are listed in Table 1.1. Conventionally, metals have been
essential for orthopaedic implants, bone fixators, artificial joints, external
fixators, etc., because they can substitute for the function of hard tissues
in orthopaedics. Stents and stent grafts are placed at stenotic blood vessels
for dilatation. Therefore, these devices require elasticity or plasticity for
expansion and rigidity for maintaining dilatation. In dentistry, metals are
used for restorations, orthodontic wire, and dental implants. For mechanical
reliability, metals must be used and cannot be replaced with ceramics or
polymers. The most important property of biomaterials is safety. Therefore,
corrosion-resistant materials such as stainless steel, cobalt (Co)—chromium
(Cr)-molybdenum (Mo) alloys, metallic titanium (Ti), and Ti alloys are
employed. Noble-metal-based alloys, such as gold (Au) alloys and silver
(Ag) alloys, are also used in dentistry.

Safety to the human body is essential in biomaterials; therefore, no
toxic material is used for biomaterials. Metals implanted in tissues do not
show any toxicity unless there is metal ion dissolution from corrosion and/
or the generation of debris from wear. Therefore, corrosion resistance is
absolutely essential for metals in biomedical use, necessitating the use of
noble or corrosion-resistant metals and alloys for medicine and dentistry.
Of the noble metals and alloys, Au markers are used for the imaging of
stents, Pt is used for embolic coils, and Au alloys and Ag alloys for dental
restoratives. Of the base metals and alloys, austenitic stainless steels, Co—Cr
alloys, Ti and Ti alloys, whose corrosion resistance is maintained by a passive
film of surface oxide, are utilised for implant materials. In addition, wear
resistance is required to reduce the generation of wear debris. Co—Cr-Mo
alloys have good wear resistance and are used for sliding parts of artificial
joints. A comparison of the various properties of metals used for implants
is summarised in Table 1.2. The positions of the component elements of
metals in biomedical use on the periodic element table are shown in
Fig. 1.3.
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Table 1.1 Metals used for medical devices

Clinical division

Medical device

Material

Orthopaedic
surgery

Cardiovascular
medicine and
surgery

Otorhinology

Dentistry

General surgery

Spinal fixation

Bone fixation (bone plate,
screw, wire, bone nail,
mini-plate, etc.)

Artificial joint; bone head
Spinal spacer

Implant-type artificial
heart (housing)

Pace maker (case)
(electric wire)
(electrode)

(terminal)

Artificial valve (frame)
Stent

Guide-wire
Embolization wire
Clip

Artificial inner ear (electrode)
Artificial eardrum

Filling

Inlay, crown; bridge;

clasp; denture base

Thermosetting resin facing
crown; porcelain-fused-
to-metal

Solder

Dental implant
Orthodontic wire

Magnetic attachment

Treatment device (bar, scaler,
periodontal probe, dental
tweezers, raspatory, etc.)
Needle of syringe

Scalpel

Catheter

Staple

316L stainless steel; Ti; Ti-6Al-4V;
Ti-6AI-7Nb
316L stainless steel; Ti; Ti-6Al-4V;
Ti-6AI-7Nb

Co-Cr-Mo; Ti-6Al-4V; Ti-6AI-7Nb
316L stainless steel;
Ti-6Al-4; Ti-6AlI-7Nb

Ti

Ti; Ti-6Al-4V

Ni-Co

Ti; Pt-Ir

Ti; 316L stainless steel; Pt
Ti-6Al1-4V

316L stainless steel; Ti-N; Ta;
Co-Cr-Mo

316L stainless steel; Ti-Ni; Co-Cr
Pt

Ti-6Al-4V; 630 stainless
steel; Co-Cr

Pt
316L stainless steel

Au foil; Ag-Sn(-Cu) amalgam
Au-Cu-Ag; Au-Cu-Ag-Pt-Pd; Ti;
Ti-6Al-7Nb; Co-Cr; 304 stainless
steel; 316L stainless steel
Au-Pt-Pd; Ni-Cr

Au-Cu-Ag; Au-Pt-Pd

Ti; Ti-6Al-4V; Ti-6Al-7Nb; Au
316L stainless steel; Co-Cr;
Ti-Ni; Ti-Mo

Sm-C; Nd-Fe-B; Pt-Fe-Nb;
444 stainless steel;

447J1 stainless steel;

316L stainless steel

304 stainless steel

304 stainless steel

420J1 stainless steel

Ni-Ti; 304 stainless steel;
316L stainless steel; Co-Cr;
Au; Pt-In

630 stainless steel
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8 Metals for biomedical devices

Table 1.2 Comparision of properties of metals for implants

Mechanical Workability Corrosion
property resistance
Materials Tensile Wear Plasticity Machinability Pitting
strength resistance
Stainless Type316L Good Excellent Excellent Excellent Excellent
steel
Co-Cr Cast Good Good Poor Poor Good
alloy Annealed Excellent Good Good Good Fair
Ti; Ti alloy CP Ti Excellent Excellent  Fair Fair Excellent
Ti-6Al-4V Excellent Excellent  Fair Excellent Excellent
Tialloy--ccccmemcmeaeeeeeeceeeee - :
2 3 [4]5]6 7 —s8— [9]10!11 12 13 14 15 16
1 H : He
Stainless steel .
2 Li Be Co-Cr Alloy wB C N O F Ne
3 |Na Mg J Si P S Cl Ar
4 K Ca Sc |Ti|| V||Cr Mn Fe Co Ni|[Cu| Zn Ga Ge As Se Br Kr
5 Rb Sr Y |Zr|[Nb[[Mo| Tc Ru Rh|Pd Ag[{Cd In Sn Sb Te | Xe
6 Cs Ba La* [Hf||Ta| W Re Os Ir Hg TI Pb Bi Po At Rn
7 Fr Ra Ac*
La* Lanthanide Au alloy
Ac* Actinide

1.3 Position of elements constituting metallic biomaterials in periodic
table.

1.3 Stainless steels
1.3.1  Definition and category

‘Stainless steel” is defined as an iron-based alloy containing over 12—
13mass%Cr and other elements, provided that the content of iron (Fe)
is not over 50mass%. Stainless steel is not corroded under an oxygen-
containing atmosphere, but is locally corroded and sometimes forms pits
in chloride solutions such as body fluids. Nickel (Ni), Mo, copper (Cu), Ti,
niobium (Nb), nitrogen (N), etc. are added to stainless steels to improve
their corrosion resistance, heat resistance, strength, and workability. The
metallurgical structure, strength, and corrosion resistance of stainless steels
depend on the concentrations of Ni and Cr they contain and stainless steels
are categorised as ferritic (Fe—Cr system), martensitic (Fe—Cr system), and
austenitic (Fe—Cr—Ni system), according to their crystal phase. Austenitic-type
stainless steels have outstanding corrosion resistance, but do not have great
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Overview of metals and applications 9

strength. Therefore, austenitic stainless steels are strengthened by working
and heat treatment, and hardened with the addition of nitrogen (N). The
addition of Mo improves their corrosion resistance, because their passive
film becomes more stable. The categories of popular stainless steel series
are summarised in Fig. 1.4, according to their development history. In AISI
numbering, the 200s represent Fe—Cr—Ni—-manganese (Mn) alloy systems,
the 300s represent Fe—Cr—Ni alloy systems, and the 400s represents Fe—Cr
systems. Recently, the stainless steels used for the stems of artificial hip
joints and bone fixators have been replaced by Ti alloys. However, stainless
steel is still used for internal bone fixators that are retrieved after healing,
and for sternal wire and bone fixation wire, because of its excellent torsion
property and elongation. Major stents are made from austenitic stainless
steel. Stainless steels are also used for treatment and operating equipment
and instruments. Type 304 stainless steel is used for medical equipment such
as scalpels, forceps and dental tweezers.

Ferritic and martensitic type stainless steel

Improving corrosion resistance
DecreasingC @ e

410 [

—
Fe-13Cr (<0.15C)
Improving strength and corrosion resistance
Increasing Cr
|_ __________ hl
jggj; J 430 ' 440A 4408
> L _ E— _
Fe-13Cr (0.3C) IlFe 13Cr (<0.15C) : Fe-18Cr (0.7C) Fe-18Cr (0.8C)
Improving strength and corrosion resistance
Addition of Mo
410J1 r __________ 1'
434 |
L s Fe-13Cr !
I _ _ |
(0.3-0.6 Mo) | Fe-18Cr-1Mo :
e
Austenitic type stainless steel
Improving grain boundary corrosion resistance
Decreasing C
304 L, 304L
Fe—-18Cr-8Ni (0.08C)| [Fe-18Cr-8Ni (0.03C)
302 Improving corrosion resistance
Fe-18Cr-8Ni Increasing Ni
(0.15C) Addition of Mo
316 316
Fe-18Cr-12Ni-2.5Mol{Fe-18Cr-12Ni-2.5Mo|
(0.08C) (0.03C)

1.4 Concept of design of predominant stainless steels.
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10 Metals for biomedical devices

1.3.2 Type 316L stainless steel

The design of type 316L stainless steel is based on type 302 stainless
steel. Its corrosion resistance is improved by adding 2.0-3.0mass% of Mo,
increasing Ni from 8.0-10.0mass% to 12.0—15.0mass%, and reducing C to
less than 0.030%. ‘L’ means ‘low carbon content’. The presence of Mo as
an alloying element in stainless steel reduces both the number and the size
of nucleations and metastable pits. This is because bonds in the oxide film
are strengthened and active sites caused by the formation of molybdates or
of molybdenum oxyhydroxides are eliminated (Ilevbare and Burstein, 2001).
The composition and mechanical properties of this alloy are summarised in
Tables 1.3 and 1.4.

In the case of type 316L stainless steel, solution treatment is carried out,
followed by rapid cooling (such as water cooling) after the products have
been heated to 1010—1150 °C. This form of heat treatment causes dissolution
of precipitates during the manufacturing process, as well as the release of
strains which were induced during rolling. The release of strain energy causes
recrystallization of the structures. Metallic biomaterials must possess essential
prerequisite properties such as corrosion resistance, strength, toughness,
and ductility. As discussed above, these properties can be achieved through

Table 1.3 Composition of representative stainless steel and Co-Cr alloys

Material C Si P S Mn Cr Ni Mo W Co Fe
Stainless Type <0.03 <0.045 <0.03 <1.0 <2.00 16.0 12.0 2.0 Bal.
steel 316L -18.0 -15.0 -3.0
Co-Cr Cast <0.35 <1.0 <1.0 27.0 <1.0 5.0 Bal. <0.75
alloy ASTM -30.0 -7.0

F75-92

Wrought 0.05 <0.4 <0.04 <0.03 1.0 19.0 9.0 14.0 Bal. <3.0

ASTM  -0.15 -2.0 -21.0 -11.0 -16.0

F90-92

Table 1.4 Mechanical properties of representative stainless steel and Co-Cr alloys

Materials Tensile strength Proof strength  Elongation
(MPa) (MPa) (%)
Stainless Type 316L >480 >175 >40
steel Solution treatment
and annealing
Co-Cr Cast 655 450 8
alloy ASTM F75-92
Wrought ASTM 860 310 30-45

F90-92 Annealed
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Overview of metals and applications 11

chemical composition, heat treatment, and working such as forging and
rolling.

The surface oxide film on type 316L steel polished mechanically in de-
ionised water consists of oxide species of iron, chromium, nickel, molybdenum
and manganese, and its thickness is about 3—4 nm (Hanawa et al., 2002). The
surface film contains a large amount of OH™ — the oxide which is hydrated or
oxyhydroxidised. In pins and wires made from 316L austenitic stainless steel,
calcium and phosphorus are present in the surface oxide. Calcium phosphate
is formed for specimens immersed in Hanks’ solution and in a cell culture
medium, as well as incubated with culture cells. Sulfate is adsorbed by the
surface oxide film and reduced to sulfite in the cell culture medium and
with the cultured cells. The surface oxide changes into iron and chromium
oxides, when a small amount of molybdenum oxide is present.

1.3.3 Nickel-free austenitic stainless steel

Nickel is a high-risk element from the viewpoint of allergic problems. Thus,
Ni-free austenitic stainless steel is required. Schaeffler’s phase diagram can
be used for the development of high-performance austenitic stainless steels
(see Fig. 1.5). The y-axis corresponds to the Ni-equivalent for the elements
which stabilise the austenitic microstructure; the x-axis corresponds to the
Cr-equivalent for the elements which stabilise the ferritic microstructure.
Nitrogen, which is one of the austenitizing elements, is an important alloying
element for austenitic stainless steels in terms of corrosion resistance and
strength (Ornhagen et al., 1996). Nitrogen dissolved in austenitic stainless

30
(&) Austenite (y)
o
™
£z
4% 20
E+
- C
=
S
z5
gg 10
> + [ Martensite (M)
E \
T Ferrite (a)
a+ M
0 |\ Il Il Il | Il Il Il Il |
0 10 20 30 40

Cr equivalent (mass%)
=Cr + 1.5Mo + 1.5W + 0.5 Si + 2.3V + 1.8 Nb + 2.3 Al

1.5 Schaeffler's phase diagram.
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12 Metals for biomedical devices

steel acts to increase its strength and improve its resistance to pitting corrosion
and crevice corrosion in solutions containing chloride ions. The mechanisms
have been summarised as follows (Baba et al., 2002):

e N in solid solution is dissolved and produces NHJ, hence depressing
oxidation inside a pit;

e concentrated N at the passive film/alloy surface stabilises the film and
prevents attack from anions (CI7);

e nitrate ions are produced to improve resistance to pitting corrosion;
N addition stabilises the austenitic phase; and

e N blocks kink and controls the increase of electric current for pit
production.

Therefore, austenitic high-nitrogen stainless steels containing over 0.3mass%N
are used.

As an alternative, nickel-free austenitic stainless steel, having a high
concentration of nitrogen with N and Mn instead of Ni and displaying high
strength and corrosion resistance, has been developed (Sumita et al., 2004).
Fe—(19-23)Cr—(21-24)Mn—(0.5-1.5)Mo—(0.85—1.1)N (BioDur® 108) in
the United States (Gebau and Brown, 2001), Fe—18Cr-18Mn—-2Mo-0.9N
in Germany (Menzel et al., 1996), and Fe—(15-18)Cr—(10-12)Mn—(3-6)
Mo-0.9N in Switzerland (Uggowitzer et al., 1996) have been developed
for medical use. These alloys are fabricated with an electro-slug remelting
process where N is absorbed into the alloy during melting under a high-
pressure N atmosphere. A new manufacturing process, where N is absorbed
into ferritic stainless steel after forming at 1200 °C, has also been developed
(Kuroda et al., 2003).

1.4 Cobalt-chromium-based alloys

1.4.1  Properties of Co-Cr alloys

Co—Cr alloys were originally developed for aircraft engines and heat-resistant
materials. Co—Cr alloys show excellent mechanical properties such as strength
and toughness, castability, corrosion resistance, and wear resistance. Their
corrosion resistance is better than that of stainless steel; their wear resistance
is better than that of stainless steel and Ti alloys; but their plasticity and
workability are lower than those of stainless steel and Ti alloys. They were
initially used for cast alloys because working them was difficult.

For biomedical use, cast Co—Cr—Mo alloys are better known as ‘Vitallium.’
Cast Co—Cr alloys are resistant to pitting and crevice corrosion. In particular,
Co—Cr alloys have excellent wear resistance, so they are used for sliding
parts of artificial joints. Good castability makes it possible to use them for
denture bases. Wrought Co—Cr alloys have been designed to avoid the cast
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defects in cast Co—Cr alloys, and their strength and elongation increase with
solution heat treatment and cold working to almost the same level as those
of stainless steel. The corrosion resistance of wrought Co—Cr alloy is less
than that of cast Co—Cr alloy and more than that of stainless steel. Therefore,
wrought alloys are used for guide wire, clips, orthodontic arch wire, and
catheters. The heads of artificial hip joints and the sliding parts of artificial
knee joints consist of Co—Cr alloys and their replacement with other alloys
is difficult, because of the lack of corrosion resistance in stainless steel and
the lack of wear resistance in Ti alloys. Initially, stents were made from a
40C0-20Cr—15Ni—7Mo-Mn alloy named ‘Elgiloy’, which had been developed
as a heat-resistant alloy, and at present it is used for orthodontic arch wire.
Current stents consist of stainless steel and Ni-Ti alloy. The composition
and mechanical properties of a typical Co—Cr alloy are listed in Tables 1.3
and 1.4.

The surface oxide film of a Co—Cr—Mo alloy was characterised as
containing oxides of cobalt and chromium without Mo, and the film on another
Co-Cr-Mo alloy, polished mechanically in de-ionised water, consisted of
oxide species of cobalt, chromium and molybdenum and had a thickness
of about 2-3 nm (Hanawa et al., 2001). This surface film contains a large
amount of OH™ — the oxide which is hydrated or oxyhydroxidised. Cobalt
was dissolved in a Co—Cr—Mo alloy during immersion in Hanks’ solution
and in a cell culture medium, as well as during incubation in a cell culture
(Hanawa er al., 2001). After dissolution, the surface oxide consisted of
chromium oxide (Cr**) which contained molybdenum oxides (Mo**, Mo™*
and Mo®). Calcium phosphate was also formed on the upper surface.

1.4.2 Ni-free Co-Cr alloys

The allergy problem of Ni mentioned previously is also a problem in Co—Cr
alloys. Thus, Ni-free Co—Cr alloys are required. The Co-Cr-Mo alloy
contains a small amount of Ni and this may preferentially dissolve under wear
conditions. However, since the plastic workability of the Co—Cr—Mo alloy
decreases in the absence of Ni, it is necessary to add strength and ductility
to the Ni-free Co—Cr—Mo alloy by grain refinement. A Ni-free Co—(16-29)
Cr—6Mo alloy has been developed (Kurosu et al., 2007). The grain size of
this alloy is controlled by the forging ratio.

1.5 Titanium-based alloys

Ti and Ti alloys were developed for aerospace materials and have also been
used for medical and dental implants, because they show good corrosion
resistance and great specific strength. Their Young’s modulus is about half
that of stainless steel and Co—Cr alloys, and this low Young’s modulus makes
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14 Metals for biomedical devices

them the preferred material for use in bone fixators. Ti materials form stable
titanium oxide films on their surfaces, with the result that their corrosion
resistance is better than that of stainless steel and Co—Cr alloys. Ti and most
of the Ti alloys show high corrosion resistance and are safe for use in the
human body; moreover, they exhibit good tissue compatibility, especially
for hard tissue. On the other hand, Ti and Ti alloys are not suitable for bone
fixation wires and sternal wires that require ligatures because of their low
torsion strength (torque) and torsion angle to fracture.

Although Ti is seen as suitable for dental restoratives because of its good
corrosion resistance and biocompatibility, the application of Ti to dentistry
was initially difficult because Ti has a high melting point, low fluidity, and a
high reactability with moulds. However, Ti is now utilised for dental castings
as a result of the development of casting machines and special moulds.

1.5.1  Properties of Ti

Titanium is an extremely active element, causing a low standard electrode
potential of —1.63 V vs. NHE in the reaction, Ti — Ti>* + 2¢~. This activity
is the basis of the chemical properties of titanium, such as the difficulty in
smelting it, its high corrosion resistance, and safety (Fig. 1.6). The corrosion
resistance of Ti is very high, in spite of the high activity of the titanium
element, because Ti immediately reacts with water molecules in aqueous
solutions and moisture in the air, and forms a very thin titanium oxide film on
its surface. This oxide film is immediately repaired even when it is ruptured

Existing as ore
Difficulty in smelting «—— strongly combining
with oxygen

Delay in industrialisation

Titanium Stabilised by strong High corrosion
Active element ’ bonding with oxygen resistance

l Difficult to release in
human body

Diff.icult to be Difficult to react
contained in food with biomolecules

l l

. . Not biological
Little intake from food trace element

— Low toxicity

1.6 Properties of titanium induced by thermodynamical activity of
titanium.
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by scratching, and thus the reaction of Ti with the external environment
is inhibited, causing the apparent inactivity of Ti. This property directly
contributes to its corrosion resistance and its safety.

Pure Ti is composed of hep crystals (o phase) at ambient temperatures,
but is composed of bce crystals (B phase) over 882 °C. Real pure Ti does
not exist, because Ti easily dissolves oxygen, carbon, and nitrogen and
contains them as impurities. Ti containing these impurities is described as
commercially pure Ti (CP Ti). CP Ti is classified into four grades, according
to its impurity content and mechanical properties (Table 1.5). The higher the
grade number, the higher the impurity, tensile strength, and offset yield stress,
and the lower the elongation (Fig. 1.7). In other words, CP Ti is a type of
alloy, from the viewpoint of the definition of an alloy and the general effects
of alloying. CP Ti is used for maxillofacial prosthetic plates, sternal wire,
dental implants, dental restoratives, and dental denture bases. Sometimes,
CP Ti containing more impurities than grade 4 displays almost the same
strength as Ti alloys, and since the tensile strength greatly increases with
cold working, bone screws that are exposed to a large load are sometimes
made of CP Ti.

The surface oxide film on Ti consists mainly of amorphous or low-
crystalline and non-stoichiometric TiO,, and can withstand chloride ions.
Since a considerable portion of oxidised titanium remains as Ti* and Ti**
in the surface film, the oxidation process can be fully completed only on
the uppermost part of the surface film. When Ti which has been surgically
implanted into the human jaw is characterised using Auger electron

Table 1.5 Compositions and mechanical properties of commercially pure titanium
(CP Ti)

Grade 1 Grade 2 Grade 3 Grade 4
Element Composition (mass%)
Fe <0.15 <0.2 <0.25 <0.3
(e} <0.18 <0.25 <0.35 <0.45
N <0.03 <0.03 <0.05 <0.05
H <0.0125 <0.0125 <0.0125 <0.0125
C <0.1 <0.1 <0.1 <0.1
Ti Balance Balance Balance Balance

Mechanical property

Tensile strength  275-412 343-510 481-618 >550
(MPa)

0.2% Proof 170 275 380 >440
strength (MPa)

Elongation (%) >27 >23 >18 >15

Young’s modulus 114
(GPa)

© Woodhead Publishing Limited, 2010



16 Metals for biomedical devices

900 —
800 -
£ 700 Tensile
= strength
©
<
5, 600
c
o
@
o 500
k%)
c
2
» 400
1723
()
c
2
& 300 Hardness 60 __
o &
e c
5 200 a0 S
> ®
()]
c
o
100 Elongation —20 w
s C
>0
0
0.6 0.8

Impurity content (mass%)

1.7 Changes of tensile strength, hardness, and elongation of titanium
with impurities.

spectroscopy (AES), its surface oxide film reveals constituents of calcium,
phosphorus, and sulfur (Sundgren et al., 1986; Espostito et al., 1999).
Immersing Ti and its alloys in Hanks’ solution and other solutions (Hanawa
and Ota, 1992; Healy and Ducheyne, 1992) causes the formation of calcium
phosphate on their surfaces. Extrapolating from this, it can be assumed that
bone formation is faster on Ti implanted in hard tissue simply because the
surface oxide film is titanium oxide.

1.5.2 Tialloys

Ti alloys at ambient temperatures are categorised as o-type, o + S-type, and
S-type alloys, according to the quantities and types of their alloying elements.
Many kinds of alloys have been developed (Table 1.6) but the Ti-6 aluminium
(Al)-4 vanadium (V) alloy, an o + S-type alloy, is the most conventional one
for medical use. This alloy show good workability, heat treatment ability, and
weldability, as well as corrosion resistance, strength, and biocompatibility.
The extra low interstitials (ELI) grade alloy, containing small amounts of
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Table 1.6 Specificated titanium alloys

Composition (mass%) Type UNS ASTM 1ISO
Ti-3Al-2.5V a+ B R56320 ASTM B 348 -
Ti-5Al-2.5Fe a+p - - 1ISO 5832-10
Ti-6AI-4V a+ B R56400 ASTM F 1472 ISO 5832-3
Ti-6Al-4V ELI a+ B R56401 ASTM F 136 ISO 5832-3
Ti-6AI-7Nb a+ B R56700 ASTM F 1295 1ISO 5832-11
Ti-15Mo B R58150 ASTM F 2066 -
Ti-13Nb-13Zr B R58130 ASTM F 1713 -
Ti-12Mo-6Zr-2Fe B R58120 ASTM F 1813 -
Ti-45Nb B R58450 AMS 4982 -
Ti-35Nb-7Zr-5Ta B R58350 - -
Ti-55.8Ni Metallic - ASTM F 2063 -
compound

interstitial impurities, oxygen (O), carbon (C), N, and hydrogen (H), is used
for biomaterials. The Ti-6Al-4V ELI alloy shows great toughness, because
the impurities decrease the fatigue strength with the notch effect. ELI alloy is
used for bone fixation plates and the stems of artificial hip joints. Ti-6Al-4V
alloy has an extremely large 0.2% offset yield strength of 895 MPa, which
is much larger than that of stainless steel and Co—Cr-Mo alloys, making
plastic deformation difficult even under a large load.

The Ti—6Al-7Nb alloy (Semlitsch et al., 1985) has been developed as a
replacement for the Ti—-6Al-4V alloy, mainly used in Europe, because the
V contained in the Ti—-6Al-4V alloy shows strong toxicity, although there
are no reports of accidents when using Ti-6Al-4V alloy implants. The
Ti—6Al-7Nb alloy has been created by substituting the V with Nb at the
same atomic concentration. Its corrosion resistance and safety are greater
than those of Ti—6Al-4V. Elsewhere, the Ti—-6Al-2.5Fe alloy developed in
Europe, Ti—13Zr—13 tantalum (Ta) alloy (nearly ) developed in the United
States, and Ti—6AI-2Nb—1Ta alloy and Ti-15 zirconium (Zr)-4Nb—4Ta
alloy developed in Japan, have been specified. These are o + S-type alloys.
However, Young’s modulus could decrease to about 60 GPa in a -type alloy.
Various S-type alloys, Ti—12Mo—6Zr—2Fe alloys (Wang et al., 1993), T-15Mo
(Zardiackas et al., 1996) and Ti—15Mo-2.8Nb-0.25i-0.280 (Fanning, 1996)
have been developed in the United States and Ti—15Mo-5Zr-2Al alloy has
been specified. The mechanical properties of S-type alloys are shown in
Fig. 1.8.

Ti alloys consisting of elements with low toxicity have been developed.
The basic design of the alloys is the substitution of V and Al with Nb, Ta,
Zr, and hafnium (Hf), which are in groups 4 and 5 in the periodic table
(Fig. 1.3). On the other hand, B-type alloys show a low Young’s modulus
and may prevent stress shielding as used for bone fixators; for this reason,
Ti—29Nb-13Ta—4.6Zr has been developed as a S-type alloy (Kuroda et al.,
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1.8 Mechanical properties of p-type titanium alloys.

1988). This alloy is transformed to the  phase by heat treatment and forging,
and shows the smallest Young’s modulus among S-type alloys. Elsewhere,
the Ti—-Nb-Sn alloy system is in the process of development (Ozaki et al.,
2004).

1.6 Shape memory and superelastic alloys

Ti—Ni alloys consisting of equal atomic amounts of Ti and Ni (49-51mol%Ni)
show unique mechanical properties such as shape memory, superelasticity,
and dumping. With the shape memory effect, the original shape can be
recovered after deformation by heating; with superelasticity, any apparent
plastic deformation can be returned to the original shape by releasing the
load. Because of these unique properties, the Ti—Ni alloy is used for guide
wires, stents, orthodontic arch wires, endodontic reamers and files.

The range of composition for the Ti—Ni alloy displaying these properties
is very narrow, nearly a 1:1 atomic ratio. This Ti—Ni alloy has a specific
transformation temperature as a biomaterial. An austenitic phase (A phase)
appears at a higher temperature and a martensitic phase (M phase) appears at
a lower temperature according to a heat-elastically martensitic transformation.
As shown in Fig. 1.9(a), when the temperature of the alloy is decreased from
the A phase, the martensitic transformation begins at M, (1) and all phases
transform to the M phase at M; (2). On the other hand, when the temperature
is increased from the M phase, austenitic transformation begins at A; (3)
and all phases transform to the A phase at A; (4). From the viewpoint of
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the crystal structure, as shown in Fig. 1.9(b), when the alloy in the A phase
is cooled under M, the phase transforms to the M phase; however, the
apparent morphology is not changed, although the crystal lattice is somewhat
strained. When external stress is loaded onto the crystal, the crystal deforms
by the formation of a twin, not by slip, and the relative configuration of the
atoms is not changed. Therefore, when the temperature is again increased,
the crystal returns to the original crystal structure and original morphology.
The twin deformation compensates for 8% of the deformation in tensile
strain; slip deformation will occur above this strain and it is then impossible
to recover the original morphology. This transformation is caused by the
change in temperature. However, superelasticity is caused by stress, not by a
change in temperature, and is known as a stress-induced transformation. The

O] ®

100~ -0 —
9 Ms Af 2
=| 8of d20 |2
X 72}
c c
2| eof dag |2
3 £
G 401 -160 G
£ £
S| 20- ©) Js0 |3
b Mf ® /as £
0 1 1 1 1 1 1 100 y
-40 -20 0 20 40 60
Temperature (°C)
(a)

Deformed martensitic phase

Heating

Austenitic phase

e —
W

Martensitic phase

(b)

1.9 Transformation of Ni-Ti alloy and mechanism of shape memory
effect.
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transformation between the A phase and M phase is caused by stress: the A
phase transforms to the M phase by stress and the M phase transforms to the
A phase by the release of stress. The characteristics of the Ti—Ni alloy change
according to the transformation temperature and the service temperature, with
the transformation temperature being influenced by composition, impurity,
and heat history.

The safety level of the Ti—Ni alloy is lower than that of Ti, but is the
same as that of stainless steels and Co—Cr alloys, because the Ti—Ni alloy
is covered by a surface oxide film, consisting mainly of titanium oxide and
nickel hydroxide. However, the Ti—Ni alloy contains about 50mol%Ni and its
use in medicine is limited from the viewpoint of safety. Therefore, there is a
great demand for Ni-free shape-memory and superelastic alloys. Ti-Sn—Nb
(Takahashi et al., 2002), Ti-Nb—Al (Hosoda et al., 2003), Ti-Mo-Ga (Kim
et al., 2004), Ti-Mo—Sn (Maeshima and Nishida, 2004), Ti-Nb-O (Kim
et al., 2004b), Ti-Nb—Zr (Kim et al., 2005) alloy systems are reported to
have a good shape-memory effect and superelasticity, while the recovery
strain and superelastic deformation stress of these alloys are still smaller
than those of the Ti-Ni alloy. It is possible to improve the shape memory
effect and superelasticity by changes in the transformation temperature,
martensite-induced stress transformation, and critical slip stress due to alloy
composition and working heat treatment.

1.7 Noble metals and alloys

Au alloys, Ag alloys, CP Ti, and Ti alloys are used for dental restoratives
such as inlays, crowns, bridges, and clasps. Dental casting Au alloys are
the Au—Ag—Cu system alloys, which have high corrosion resistance, high
ductility, good castability, and cast fitness. Au alloys are categorised into four
types, according to their Au content and mechanical properties (Tables 1.7
and 1.8). A type 1 alloy contains the most Au and is used for simple inlays;
a type 2 alloy is used for complex inlays and crowns; a type 3 alloy is used
for crowns and bridges; and a type 4 alloy is used for denture bases, clasps,

Table 1.7 Properties of dental casting gold alloys

Type Heat Vickers Proof Elongation Liquidus

treatment hardness strength (%) temperature
(HV) (MPa) (°C)

| Softened 50-90 >80 >18 <1050

1] Softened 90-120 >180 >12

1] Softened 120-150 >240 >12

\% Softened >150 >300 >10
Hardened >220 >450 >2
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Table 1.8 Composition ranges of dental casting gold alloys

Composition (mass%)

Type Au Ag Cu Pd Pt Zn

| 80.2 ~ 95.8 2.4 ~12.0 1.6 ~ 6.2 0~3.6 0~1.0 0~1.2
Il 73.0 ~ 83.0 6.9 ~ 14.5 5.8 ~ 10.5 0~56 0~4.2 0~1.4
Il 71.0 ~79.8 52~13.4 7.1~126 0~65 0~75 0~20
[\ 62.4 ~71.9 8.0~17.4 86~ 15.4 0~10.1 02~82 0~27

Table 1.9 Representative composition of gold alloy for porcelain-fused-to-metal
(mass%)

Au Pt Pd Ag Others

85 8 4 1 2

and bridges that require strength. Type 3 and 4 alloys could be hardened by
heat treatment. Zn is added to them as a deoxidiser.

The composition of Au alloy used for porcelain-fused-to-metal repairs
to teeth is listed in Table 1.9. This alloy has a high melting temperature,
because the porcelain is sintered during casting. In and Sn are also added to
increase the bonding strength with the porcelain. This alloy system contains
no Cu and only a small amount of Ag, because these elements stain the alloy
after porcelain sintering.

In the case of bridges connecting several teeth, the cast parts are soldered
together. Dental solders have a basic composition of Au—-Cu—-Ag with
58-84% Au, and Zn and Sn are added to lower the melting point. Solder
for porcelain-fused-to-metals contains Pt and Pd to raise the melting point,
inhibiting deformation during sintering of the porcelain.

1.8 Other metals
1.8.1 Tantalum

Tantalum (Ta) is used for skull implants and X-ray image markers for stents.
Ta is ductile and produces good X-ray imaging, because of the heavy metal.
Ta is easily oxidised and passivated. Ta,0Os, as a passive film, is very stable
and difficult to corrode in a biological environment. Ta also shows low
magnetic susceptibility.

1.8.2 Magnesium alloys

Magnesium (Mg) alloys are expected to be biodegradable metals for use in
stents and artificial bones. Mg has the lowest density of all the metals used.
At least one of Al, Zn, Mn, Zr, rare earth metals, etc. is added to form a
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Mg alloy, because pure Mg cannot be utilised as a structural material due
to its low strength. Mg alloys used as stents in Germany contain Al, Y, Ce,
Nd and/or rare earth metals. The addition of rare earth metals improves
castability and pressure resistance, but their strength at ambient temperature
is lower. Controlling degradation and corrosion of Mg in the human body is
difficult due to its extreme activity. In addition, hydrogen evolution occurs
when it dissolves. Control of the degradation rate, so that it is safe for the
human body, is a key factor for enabling the utilisation of Mg alloys for
medical devices.

1.8.3 Amorphous alloys

Amorphous alloys do not have a specific atomic configuration, grain boundary,
crystal segregation and defect. Therefore, an amorphous alloy exhibits a higher
corrosion resistance, wear resistance, tensile strength, and fatigue strength
than a crystalline alloy with the same composition. Medical devices may be
miniaturised by the utilization of amorphous alloys. The Young’s modulus
of an amorphous alloy is as low as 75 GPa in a Zr-based amorphous alloy,
much lower than that in a Ti alloy. These properties may reduce the size
of implant devices. Zr-based amorphous alloys are being investigated for
biomaterials (Hiromoto et al., 2001).

1.8.4 Permanent magnetic materials

Permanent magnetic alloys are utilized for magnetic attachments in dental
restoratives (Takada and Okuno, 2005). Samarium (Sm)—Co and Nb—Fe—boron
(B) alloys are used as magnetic materials, and type 444-grade stainless steel
and type 447J1-grade stainless steel are used as keepers in dental attachments.
It is difficult to simultaneously fulfil the qualities of strong magnetism, high
corrosion resistance and miniaturisation.
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Abstract: Metal material principles of orthopaedic implants are integrated
in understanding the factors affecting the performance and durability.

This chapter reviews aspects governing biocompatibility such as corrosion
resistance and mechanical compatibility, and the related testing methods.
The future perspective regarding materials and testing methodology are also
considered.

Key words: orthopaedic implant, metallic materials, microstructure,
corrosion resistance, fatigue property, mechanical compatibility, durability of
device, testing method.

2.1 Introduction

Many types of metallic biomaterial devices have widely been used to replace
failed hard tissues; namely, bone screws, bone plates, compression hip screws
(CHS), intramedullary fixations, short femoral nails, artificial hip joints,
artificial knee joints, spinal instruments, and dental implants. Orthopaedic
implants require biomechanical and biochemical compatibilities, as well as
biological safety. Therefore, many types of metallic orthopaedic devices,
manufactured from metallic materials with excellent mechanical properties
and structural stability, are used worldwide in the orthopaedic field. In order
to determine biomechanical and biochemical properties, as well as biological
safety, many mechanical, chemical and biological tests are conducted
during device developments. This chapter will provide the test methods for
characterising the appropriate materials for metallic orthopaedic devices
such as osteosynthesis and artificial joints. Recent topics on the mechanical,
chemical, and biological test results of the new biocompatible materials will
be introduced, with the developments of new orthopaedic devices.

2.2 Standardised implantable metals

Stainless steels, cobalt (Co)—chromium (Cr)-molybdenum (Mo) alloys,
commercially pure titanium (CP Ti), and Ti alloys are widely used in
orthopaedic surgery. Many types of these alloys have been standardised on
the basis of international and national standards; for example, International
Organisation for Standardisation (ISO), American Society for Testing and
Materials (ASTM), and Japanese Industrial Standard (JIS). As well as the
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alloy specifications, main corrosion test methods and corrosion testing
solutions for metals used for orthopaedic implants are also standardised
as guides (Table 2.1).""! In the orthopaedic field, given that mechanical
compatibility has an effect on the long-term clinical result, materials for
these devices should have excellent mechanical strength and ductility. Figure
2.1 shows the correlations between minimum values of ultimate tensile
strength (oyts) and total elongation (T. E.) of these materials specified in
ISO and JIS, namely, stainless steel, high-nitrogen stainless steel, Co—Cr—Mo
alloys, and Ti materials (CP Ti and Ti alloys). The T. E. of various materials
continuously decreases with increasing oyrs. The oyrg of the cold-worked
CP Ti grade 4 containing small amounts of oxygen (O) and iron (Fe) is close
to those of the Ti alloys. The main applications of these alloys are shown in
Table 2.2. Stainless steel (ISO 5832-1 and ISO 5832-9), CP Ti and Ti alloys
are widely used in osteosynthesis devices, while Co-28Cr—6Mo alloys are
used in artificial joint bearing parts. Artificial hip joints, consisting of two
types of stems and immobilising bones, with or without cement, are widely
used in many countries. However, for the cement-type stem, the consumed

Table 2.1 Implantable metals and the testing methods specified in ISO and JIS
standards

Standard Metals and testing methods

ISO 5832-1 Wrought 18Cr-14Ni-2Mn-2.5Mo stainless steel

ISO 5832-9 Wrought high-N 21Cr-10Ni-3Mn-2.5Mo stainless steel
ISO 5832-4 Co-28Cr-6Mo casting alloy

ISO 5832-5 Wrought Co-20Cr-15W-10Ni alloy

ISO 5832-6 Wrought Co-35Ni-20Cr-10Mo alloy

ISO 5832-7 Forgeable and cold-formed 41Co-20Cr-16Ni-7Mo-Fe alloy
ISO 5832-8 Wrought Co-20Ni-20Cr-3.5Mo-3.5W-5Fe alloy

ISO 5832-12  Wrought Co-28Cr-6Mo alloy

ISO 5832-2 Unalloyed titanium

ISO 5832-3 Wrought Ti-6AI-4V alloy

ISO 5832-11  Wrought Ti-6AI-7Nb alloy

ISO 5832-14  Wrought Ti-15Mo-5Zr-3Al alloy

JIS T 7401-4  Wrought Ti-15Zr-4Nb-4Ta alloy

ISO 16428 Test solutions and environmental conditions for static and dynamic
corrosion tests on implantable materials and medical devices
ISO 16429 Measurements of open-circuit potential to assess corrosion

behaviour of metallic implantable materials and medical devices
over extended time periods

JIS T 0302 Testing method for corrosion resistance of metallic biomaterials by
anodic polarisation measurement

JIS T 0304 Testing method for metal release from metallic biomaterials

JIS T 0305 Testing method for galvanic corrosion in pseudo-physiological
solution

JIS T 0306 Analysis of state for passive film formed on metallic biomaterials

by X-ray photoelectron spectroscopy
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2.1Relationship between minimum values for ultimate tensile strength
and total elongation of implantable metals specified in ISO and JIS.
(a), (b) Stainless steel (ISO 5832-1: 18Cr-14Ni-2Mn-2.5Mo), high-N
stainless steel (21Cr-10Ni-2.5Mo0-3Mn-0.3N),

(c) Co-Cr-Mo (O: Co-28Cr-6Mo, [J: Co-35Ni-20Cr-10Mo, W: Co-
20Cr-15W-10Ni, A: 41Co-16Ni-20Cr-7Mo-16Fe, A: Co-20Ni-20Cr-
3.5Mo-3.5W-5Fe)

(d) Ti materials (commercially pure Ti grade 1, grade 2, grade 3,
grade 4 and cold-worked grade 4, and annealed Ti-6Al-4V, Ti-6Al-
7Nb, Ti-15Mo-5Zr-3Al and Ti-15Zr-4Nb-4Ta alloys).

Table 2.2 Main metallic materials used in orthopaedic implants

Devices Used materials
Osteosynthesis

e Bone plates e Commercially pureTi, Ti alloy

e Screws o Ti alloy, stainless steel

e Compression hip screws e Ti alloy

e Short femoral nails e Stainless steel, Ti alloy

e Intramedullary nails e Stainless steel, Ti alloy
Hip joints

e Cemented stem e Hot-forged Co-28Cr-6Mo,

cold-worked stainless steel

e Cementless stem e Tialloy
Knee joints

e Femoral components e Co-28Cr-6Mo casting

e Tibial plates e Ti alloy
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amount of Ti alloys has tended to decrease recently. This is due to corrosion
caused by micromotion between the stem and the cement mantle (formed by
cement inserted into bone), particularly when less-stiff Ti alloy is used for the
artificial hip stem.?’ In contrast, the Co—28Cr—6Mo alloy and high-nitrogen
(N) stainless steel, with high strength and stiffness, has become the most
popular cement-type stem material. On the other hand, for the cementless
stem, the use of Ti alloy with high biocompatibility has become popular.
Figure 2.2 shows the relationship between oytg and Vickers hardness with
tensile test specimens (diameter: 1.5 or 3 mm, gauge length: 9 or 15 mm)
taken from orthopaedic devices: bone plates, compression hip screws (CHS),
intramedullary rods, short femoral nails, artificial hip stems, artificial knee
femoral components, and tibial stems. The oyrg of forged Co—28Cr—6Mo
alloys and stainless steels used for artificial hip stems is very high. Figure
2.3 shows typical optical micrographs and transmission electron microscopy
(TEM) images of the hot-forged Co-28Cr—6Mo alloy and cold-worked
high-nitrogen stainless steel (ISO 5832-9) used for the cement-type stem.
In the TEM images of hot-forged Co-28Cr—6Mo alloys, much finer fcc y
(gamma) structures are observed. For high-carbon Co-28Cr—6Mo alloys,
M,;C, carbide precipitates in the y matrix.?! In cold-worked high-nitrogen
stainless steel, CrNbN precipitation is observed in the fine austenitic (y)
phase in Fig. 2.3(d).?

2.3 Biocompatibility of various metals

The relationship between cytocompatibility and polarisation resistance of
various pure metals is summarised in Fig. 2.4.27%% Cr toxicity appears to
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2.2 Relationship between ultimate tensile strength (cUTS) and
Vickers hardness (10 N) with specimens taken from osteosynthesis
devices, and artificial hip and knee joints.
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2.3 Optical micrographs (a), (c), and TEM images (b), (d) of hot-
forged Co-28Cr-6Mo alloy (a), (b), and cold-worked high-N stainless
steel (c), (d).

be closely related to the Cr valence state, unlike toxic elements such as Co,
nickel (Ni), and vanadium (V). Co toxicity is strongly dose-related.?’ It has
been reported that zirconium (Zr), niobium (Nb), and tantalum (Ta) exhibit
excellent corrosion resistance and biocompatibility, and all of those belong
to the loose connective vascularised (vital) group with regard to tissue
reaction.”> Among 70 metals in the periodic table of elements, only Ti and Zr
show excellent cytocompatibility to both soft tissue-derived mouse fibroblast
cells and bone-derived mouse osteoblast cells.** Adding a small amount of
alternative metal elements improves the quality of the alloy. However, too
much addition of Nb and Ta to Ti alloy may increase the manufacturing
cost and lessen biocompatibility (Fig. 2.4(b)). In particular, fabrication of
an alloy that has greater than 5 mass percent Ta content requires a special
melting apparatus; conventional vacuum arc-melting is not applicable. The
cytotoxicity of V ion is seen from the medium concentration of 0.1 mass

2.4 Highly biocompatible a + g-type Ti alloy

Among the metallic materials used for implants today, CP Ti and Ti alloys have
warranted particular focus as materials, owing to their better biomechanical

© Woodhead Publishing Limited, 2010



30 Metals for biomedical devices

E (a) Capsule < [ (c) )
S 104+ z 1.6 a
a Co-Cr alloy =4 In®
g u]
€ sl sus 316L1 ! | I Ni PdO__sn
10 Zr o o T4 O
3 ITi o 1.2t e
S qp2L Toxic SUS304Ll TaNP % |Control: Glass AuCroSi
2 | Ag vital 3 0.8}% R9 0O
1 o
= 10"+ v Au 5 e} Bi O
5 Ni Af“'Vl hal u] . :
= 100 <Y A S g.4fFe G0 :
2 c Fe e Sr '
= o S e !
3 107 S MgV, Cu Zn,
= <«— Biocompatibility —» £ 0| #Cd, Hg. _:Toxic!
) 1 n 1 1 1 I 1 1 ]
- (b) Control level © 0 0.4 0.8 1.2 1.6
= 1 Til ------ Z.rI Relative growth rate of L929 cells
g 05F T 1.2
o 2 " a 4
® £ 0.2 Clu Mo I Nb o |
58 0.1 Detection limit o 1.0[a
o Vv o
5 0.05 u
e ©
N 0.02 1 1 1 1 1 o 0.8
3 4 5 6 7=
= Control level 1 06
S b %
n - o
§ o5 T o4
7= %)
cc 0.2f Fe Al i >
S8 o1l ok 'me o M 502
[} [0}
£ oosk.zn ML YJL... petection limit & 0F o: MC3T3-E1
O 0.02 q Cu Ag 1 1 AT BT B |
3 4 5 6 7 0.01 0.1 1 5

Log polarisation resistance, Q.cm? Metallic concentration of V lon (ppm)

2.4 Relationship between the polarisation resistance and
biocompatibility of various pure metals and alloys, (a), (b).
Cytotoxicity of various pure metals (c) and V ion (d).

and biochemical compatibilities than conventional materials such as stainless
steel and Co-based alloys. Recently, studies on Ti alloys have been carried
out, assuming their long-term use in the human body and possible long-
term health problems associated with the release of toxic ions and fatigue
fractures.?®® The results confirmed that Ti alloys are valuable orthopaedic
metallic materials having the desired characteristics such as long-term high
biocompatibility, excellent corrosion resistance and fatigue strength.

2.4.1 Role of alloying elements

As summarised in Fig. 2.5, Ti alloys specified in JIS, ISO, and ASTM are
categorised into three types according to their microstructural differences: o
(alpha) type alloy having hexagonal close-packed structure: hep, B (beta)-type
alloys having body centred cubic structure: bee, and o + B-type alloys having
the mixed structure & and 8 phases.’**> Recently, the metastable  type
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Alpha structure Mixed alpha-beta Beta structure
(Hep) structure (Bcc)
<«—— Alpha-stabilising elements Beta-stabilising elements —»

[Al, O, Zr etc.] [Mo, Fe, Nb, Ta, etc.]

<«——Higher fatigue strength

Improved fabricability —»

Unalloyed titanium |Ti-6Al-4V (ISO 5832-3) Ti-15Mo (ASTM F 2066)

(ISO 5832-2) Ti-6AI-7Nb (ISO 5832-11) Ti-12Mo-6Zr-3Fe (ASTM F 1813)
Ti-6AI-2Nb-1Ta (JIS T 7401-3)
Ti-15Zr-4Nb-4Ta (JIS T 7401-4)
Ti-13Zr-13Nb (ASTM F 1713)
Ti-15Mo-5Zr-3Al (ISO 5832-14)

2.5 Effects of alloying elements on Ti alloy structure, and
microstructures of Ti alloys specified in ISO, ASTM and JIS.

Ti—15molybdenum (Mo)-5Zr—3aluminium (Al) alloy has been standardised
in ISO 5832-14. ASTM-standardised alloy (like near-S-type Ti—13Zr—13Nb
alloy and B-type alloys such as Ti—15Mo and Ti—12Mo-6Zr—2Fe) has slightly
lower Young’s modulus than o + p-type alloys. Among the o + S-type
alloys, Ti—-6A1-4V alloy has been extensively used for various orthopaedic
applications, as seen in Table 2.2. The a + S-type alloy demonstrates better
fatigue characteristics than the B type alloy. Another o + S-type alloy, the
Ti—15Zr—4Nb-4Ta alloy has been developed in Japan as a highly biocompatible
alloy for long-term biomedical applications**=° and is standardised in JIS
T 7401-4."

The microstructural change of the latest & + 8 type Ti—15Zr—-4Nb-4Ta
alloy can be expected with Al equivalence ([Al]leq) and Mo equivalence
([Mo]eq). [Al]eq and [Mo]eq are calculated using the following formula with
mass percent of each element.?” As [Alleq increases, the volume fraction
of the o phase increases. Likewise, with an increase in [Mo]eq, the volume
fraction of the S phase increases. With the Ti—15Zr-4Nb—4Ta alloy not
containing Al, oxygen had an effective role.

[Alleq = [mass%Al] + 1/6[%Zr] + 10[%O] [2.1]

[Mo] eq = [%Mo] + 1/3.6[%Nb] + 1/5[%Ta] + 2.5 [%Fe]
+ 1/1.5[%V] + 1/2.5[% W] [2.2]

2.4.2 Forging process and heat treatment

Ti—15Zr-4Nb—4Ta alloy ingot is homogenised at approximately 1200 °C
for more than 3h (hours), and S-forged at the same temperature to a forging
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ratio (cross-section before forging/cross-section after forging) of more than
3. Secondly, p-forging while controlling the grain growth of the 3 phase is
conducted to make the 8 phase as minimal as possible at 1000 to 1150 °C, in
proportion to the size of the billet and forging ratio. Afterwards, o—f forging
at 8 phase transformation temperature (f-transus: Tp)-(35-50 °C) is conducted
to obtain ¢ and S structures, by decoupling the fine S phase. After the o—f3
forging, annealing is generally conducted at 500 to 700 °C (Fig. 2.6(a)). To
obtain higher strength, ageing treatment at high-/low-temperature is conducted
after the solution treatment. In addition, an advanced manufacturing process
such as die-forging is introduced to improve the durability.

In the Ti—15Zr-4Nb-4Ta alloy, a correlation between Tg and each element
(percent by mass) is expressed using the following formula.? This predicts
the effect of elements that increase or decrease Tjp.

p-transus

[¢]
o
o

~
o
o

Heat-treatment temperature (°C)

[Al] eq bigger«— —»[Mo] eq bigger
(a)

100~

[e]
(=]
T

[=2]
o
T

S
o
T

N
o
T

®:Ti-15Zr-4Nb-4Ta
0: Ti-6AI-4V

Volume fraction of a-phase (%)

o
T

L 1 L 1 L 1 L 1 |
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2.6 Schematic illustrations of microstructural change of -3 Ti
alloy (a) and change in volume fraction of a-phase of Ti alloys as
a function of temperature difference between p-transus and heat-
treatment temperature (b).
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Tp/°C = 848-4.2[%Zr]-5.5[%Ta] —6.3[%Nb]-76[%Pd]
+ 343 [%0] + 600 [%N] [2.3]

Figure 2.6(b) shows the change in volume fraction of o phase with temperature
difference between Ty and each heat-treatment temperature. Recorded
changes in the volume fraction of the o phase for both Ti—15Zr-4Nb—4Ta
and Ti—-6Al-4V alloys were almost the same.

The annealing process of the Ti—15Zr—4Nb—4Ta alloy is generally the
removal of internal stress, heat treatment at 500—700 °C for 2 h to optimise
the microstructure, and then air-cooling. As the annealing temperature
increases, grain coarsening and decrease in strength tend to appear. Heat
treatment over the Ty decreases the ductility following the formation of
acicular structure. Solution treatment could generally be conducted at the
Tp-(30-50 °C), in which the volume fraction of the primary o phase is 15
to 20 vol% for 1 h, and then is water-quenched. Ageing treatment to obtain
optimum balance of strength and ductility is conducted at a relatively high
temperature (over-ageing temperature, which is between 500 to 700 °C)
for 2 h. Further improvement of strength is obtained with the lower ageing
treatment at 400 °C over 8 h.%°

2.4.3 Microstructure of o + p-type alloy

Figure 2.7 shows optical micrographs, scanning electron microscopy (SEM)
and transmission electron microscopy (TEM) images of the Ti—15Zr-4Nb—4Ta
alloy after annealing at 650 or 700 °C for 2 h and air-cooling, and over-
ageing treatment (600 °C, 2 h, followed by air-cooling) or ageing treatment
(400 °C, 8 h, followed by air-cooling) after solution treatment (800 °C, 1 h,
followed by water-cooling), respectively. The annealed Ti—15Zr-4Nb—4Ta
alloy mostly consisted of o phase matrix with approximately 25 vol% f
phase (Fig. 2.7(a)). TEM observation and electron beam diffraction analysis
confirm the S phase at grain boundaries of the o phase. In the optical
micrographs and TEM images of aged Ti—15Zr-4Nb-4Ta alloy (Figs 2.7(e)
and (f)), precipitations of fine & phase precipitated by ageing are observed in
addition to the primary ¢ phase precipitated by solution treatment. Figures
2.8(a) and (b) indicate that the annealed Ti-6Al-4V alloy consists of an o
phase matrix with approximately 20 vol% f phase. As shown in Fig. 2.8(c)
and (d), solution-annealed Ti—15Mo—5Zr-3Al alloy features 8 phase matrix
containing a small amount of the o phase.

2.4.4 Mechanical properties of o + f alloy

The following formulae are used to express the correlations between tensile
strength of annealed Ti—15Zr—4Nb—4Ta alloy rods and the Vickers hardness,
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2.7 Optical micrographs, SEM and TEM images of annealed and aged
Ti-15Zr-4Nb-4Ta alloys. Optical micrograph (a) and TEM image (b)
of alloy annealed at 700 °C for 2 h, SEM image (c) of alloy annealed
at 650 °C for 2 h, TEM image (d) of alloy over-aged at 650 °C for 2 h,
optical micrograph (e) and TEM image (f) of alloy aged at 400 °C for

8 h.

and the tensile strength and each alloying element (percent by mass).*’
0.2% proof strength (MPa) = —160 + 3.4[Hv] [2.4]
Ultimate tensile strength (MPa) = -91 + 3.5[Hv] [2.5]

© Woodhead Publishing Limited, 2010



Material selection 35

2.8 Optical micrographs and TEM images of Ti-6Al-4V and Ti-
15Mo-5Zr-3Al alloys. Optical micrograph (a) and TEM image (b) of
annealed Ti-6Al-4V, optical micrograph (c) and TEM image (d) of
solution-annealed Ti-15Mo-5Zr-3Al.

0.2% proof strength (MPa) = 472 + 9.8[%Zr] — 3.2[%Nb]

+ 10.7[%Ta] + 335[%0] + 1611[%N] [2.6]
Ultimate tensile strength (MPa) = 487 +10.9[%Zr]
+ 4.9[%NDb] + 2.9[%Ta] + 514[%0] + 1491[%N] [2.7]

Ti alloy can be strengthened by adding trace amounts of iron and oxygen. Figure
2.9 shows the effect of solution treatment temperature, ageing temperature
and ageing time on the mechanical properties of the Ti-15Zr—-4Nb-4Ta
alloy at room temperature. The solution treatment temperature is in the
neighbourhood of Ty (at 795 °C). Each ageing condition of the alloy is (a)
ageing at 400 °C for 10 h, followed by solution treatment at each temperature
in the neighbourhood of Ty for 1 h and then quenching in water, (b) ageing
in the range from 350 to 450 °C for 10 h, and (c) ageing at 400 °C for 5
to 15 h after solution treatment at 775 °C for 1 h. The reductions of area
and o phase in volume percent gradually decrease with increasing solution
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2.9 Effects of solution treatment temperature (a), ageing temperature
(b), and ageing time (c) on mechanical properties of Ti-15Zr-4Nb-4Ta
alloy at room temperature: 0.2% proof strength (¢0.2PS), ultimate
tensile strength (cUTS), total elongation (%), and reduction of area
(%).

temperature, while the tensile strength remains fairly stable. When the alloy
is solution-treated at over the Tp, the values decline sharply. However, as
demonstrated in Fig. 2.9(b) and (c), the effects of the ageing time and ageing
temperature on the mechanical properties are negligible. Table 2.3 shows
the mechanical strength of the Ti—15Zr—4Nb—4Ta alloy annealed at 700 °C
for 2 h, over-ageing treatment at 600 °C for 2 h after solution treatment at
775 °C for 1 h, and ageing treatment at 400 °C for 8 h after the solution
treatment. Solution treatment and over-ageing (STOA) do not transform the
equiaxed granular structure to acicular structure, but change the mechanical
characteristics. Primary ¢ phase and acicular ¢ phase that resulted from the
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Table 2.3 Effect of heat treatments on mechanical properties of Ti-15Zr-4Nb-4Ta
alloy

Heat treatment 09.2%ps(MPa) oyts(MPa) T.E.(%) R.A.(%)
Annealed 840 915 21 55
Over-aged 855 945 19 55
Aged 895 1020 15 48

over-ageing treatment are shown in the optical micrograph in Fig. 2.7(d). It
also has a good combination of strength, ductility and toughness. Solution
treatment and ageing (STA) affect the strength and ductility depending on
the amount and grain size of the o and S phases, which are shown in Fig.
2.7(c) and (d).

25 Stability of passive film formed on metals

Many studies have shown the strong relationship between metal ion release from
implants and clinical failure.®'~% Previous reports indicate that several metal
ions are released into the surrounding tissues owing to various mechanisms
such as corrosion and mechanically-accelerated electrochemical processes
such as stress corrosion, corrosion fatigue, and fretting corrosion.®® Metal ion
release into the body is an inevitable consequence of implanting metal into
the body. Therefore, studying the cytotoxicity and corrosion resistance is a
paramount concern with regards to biocompatibility, as shown in Fig. 2.4.

A surface oxide film, referred to as a passive film formed on metallic
materials, plays an important role as an inhibitor of ion release.”’ Metallic
materials with strong passive films exhibit lower quantities of metal ions
released from implants. Thus, the quantity of metal ions released changes
depending on the nature and strength of the metal-oxide bond, structure,
role of alloying elements, composition, and thickness of oxide films.”!

The electrochemical strength and stability of the oxide films formed on the
surface of the various alloys implanted into a living body can be examined
via an anodic polarisation test. The anodic polarisation test is performed in
accordance with the JIS T 0302 standard.'® In this test, a specimen is initially
held at —1 V for 300 s and then at an open circuit potential for 300 s. The test
is conducted from —1 to 2 V at a sweep rate of 20 mV/min. The counter and
reference electrodes are platinum and saturated calomel electrodes (SCE),
respectively.

2.5.1 Passive film formed on stainless steel and
Co—-Cr-Mo alloy

The role of alloying elements in passive films formed on SUS 316L stainless
steel and Co—Cr—Mo alloys in a calf serum solution has been examined by
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X-ray photoelectron spectroscopy (XPS). The XPS spectra of the passive
films exhibit peaks corresponding to Cr,03;, CoO, Fe oxide and Mo
oxide.* Further XPS examination revealed that metal release from various
grades of stainless steel into synthetic body fluids changes owing to the
Cr content in the oxide film. The rate of metal release from stainless steel
into artificial lysosomal fluid decreases with increasing Cr/(Cr + Fe) ratio
of the oxide film, which clearly indicates that Cr is attributed to passive
film formation.”>7*

Examination of the effect on the element Cr in the passive and transpassive
behaviours of Co—Cr—Mo alloys in biological solutions clearly shows that the
passive and transpassive behaviour of the alloy is markedly affected by the
alloying element Cr. Furthermore, the active dissolution behaviour is mainly
affected by Co.” Another study with XPS and Auger electron spectroscopy
supports this observation, indicating the effect of Cr,O3/Cr ratio on Co and
Cr releases from high/low carbon Co—Cr—Mo alloys into phosphate-buffered
saline (PBS) and synovial fluid.”®

2.5.2 Passive films formed on Ti alloys

The oxide film formed on Ti alloys consists mainly of TiO, which is thinner
and stronger than Cr,0; film.*> Figure 2.10 shows the anodic polarisation
curves of Ti—-6Al-4V and Ti—15Zr-4Nb—4Ta alloys tested in Ringer’s solution,
Eagle’s medium, and 0.9% NacCl. In the case of Ti—-6Al-4V alloy, the change
in current density is small at potential 2 V or lower, and then starts to increase.
Meanwhile, the current density of the Ti—15Zr—4Nb—4Ta alloy film did not
increase until reaching potential 4 V, revealing that the passive Ti—15Zr—4Nb—
4Ta film has even higher strength and stability than the Ti-6Al-4V alloy. In
terms of the polarisation behaviour, the Ti—15Zr-4Nb—-4Ta alloy showed a
passive zone nearly double that of the Ti—-6Al-4V alloy. Figure 2.11 shows
the change in the critical current density for passivation (Ic) and the potential
(E'° vs. SCE) at 10 },LA/cm2 for Ti—-6A1-4V and Ti-15Zr-4Nb-4Ta alloys.
The critical current density of the Ti—6Al-4V alloy gradually decreases with
increasing pH, and it becames stable from pH 3, accounting for 2 pA/cm?. On
the other hand, the Ic of Ti—15Zr—4Nb—4Ta alloy remains stable throughout
the pH range from 1 to 8. The E'* of Ti—15Zr—4Nb-4Ta alloy is 4-5 V,
which is double that of the Ti—-6Al-4V alloy. Thus, the Ti—15Zr-4Nb—4Ta
alloy has the most stable passive film, compared with the Ti—-6Al-4V alloy.
The Ic and E'° for the Ni-Ti alloy show a relationship with pH in Fig. 2.12.
Ic increased with decreasing pH, and it levelled off after reaching 1.4 pA/
cm? at pH 4. Figure 2.12(b) shows that the potential (E10 vs SCE) at 10
uA/cm? rapidly increases up to pH 2.7

This indicates the long-term excellent biocompatibility of Ti alloys,
presumably owing to the formation of a highly dense and more stable
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2.10 Comparison of anodic polarisation curves of Ti-6Al-4V (a) and
Ti-15Zr-4Nb-4Ta (b) alloys in 0.9%NaCl, Ringer’s solution and Eagle’s
medium at 37 °C.

TiO, passive film that is deposited after being damaged, even in solutions
which have low oxygen content or are under fretting corrosion. The anodic
polarisation curbs highlight the stability difference of two types of Ti alloy,
Ti—6Al-4V and Ti—15Zr—4Nb—4Ta alloys; Zr, Nb, and Ta are very significant
supplementary metals for Ti alloys. When Zr, Nb or Ta is added, the resultant
Zr0,, Nb,Os, or Ta,0O5 formed in the TiO, passive film strengthens the TiO,
passive film on the Ti alloy itself.** *° The corrosion resistance provided by
advanced passive film influences functional performance and durability, and
is a primary factor governing biocompatibility of the implant material.
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2.11 Changes in critical current density for passivation (Ic), and
potential (E4o) (b) at a point of current density 10 uA/cm? obtained
from anodic polarisation curves in various solutions with different pH
values, shown in Table 2.4.

2.6 Metal ion release

Concerns such as metal sensitivity remain, considering the long-term exposure
to metal ions released from metal implants into the body. However, no long
term detrimental effects of metal ion release from the devices have been
validly confirmed in the literature. Nonetheless, many useful specifications
for testing methods are defined in international standards.

JIS T 0304 standard specifies the static immersion test using various
solutions.!” The solutions used are shown in Table 2.4. Ringer’s solution and
0.9% NaCl are recommended solutions for corrosion testing in ISO 16428
and ISO 16429 standards. ISO 16428 also defines that 0.9% NaCl solution
adjusted to pH 2 by adding HCI meets the rigorous testing conditions.'* The
definitions of 0.9% NaCl+HCI solutions at lower pHs prepared by adding
HCI (pH =2, 3, 4, 5, and 6) and NaCl solutions with higher concentrations
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2.12 Changes in critical current density for passivation (Ic) (a), and
potential (E;o) (b) at a point of current density 10 uA/cm? obtained
from anodic polarisation curves of Ni-Ti alloy in various solutions
with different pH values.

of NaCl (1.8, 2.7, 3.6, and 4.5% NaCl) are all indicated in ISO 16429."
Bottles of each solution, without a specimen, are prepared as blanks. The
weekly quantity of each metal released (ug/cm?) is estimated using the
following formula:

(amount of solution: 50 ml) x [(metal concentration in
each solution) — (mean metal concentration of three
blank bottles)]/(surface area of specimen) [2.8]

2.6.1 Metal ion released from stainless steel and
Co-Cr-Mo alloys

The effect of pH on the metal release rate in various solutions is examined
with the aim of reducing the toxicity risk due to metal ion release. Figure
2.13 shows the effect of pH on the quantities of metals released from three

© Woodhead Publishing Limited, 2010



42 Metals for biomedical devices

Table 2.4 Solutions used in the immersion test

Solutions pH Composition (g/L)

o-medium 7.5 NaCl: 6.8, KCI: 0.4, Na,HPO,: 1.15, NaH,PO,-H,0:
0.2, Amino acids and vitamins: 0.27, Fetal bovine
serum (10 vol%), 7.5% NaHCO; solution (1

vol%)

PBS (-) 75 NaCl: 8, KCI: 0.2, NaH,PO,: 0.14, KH,PO,: 0.2

Calf serum 7.4

Artificial saliva* 6.4 NaCl: 0.844, KCI: 1.2, CaCl,: 0.146, MgCl,: 0.052,
K,PO,: 0.342

Ringer’s solution 6.1 NaCl: 8.36, KCI: 0.3, CaCl,: 0.15

0.9/4.5% NaCl 5.6/5.4 NaCl: 9/45

0.9% NaCl + HCI 2/3/4/5 NaCl: 9, HCI added to adjust pH

4.5% NaCl + HCI 2 NaCl: 45, HCI added to adjust pH

0.01/0.05/1% Lactic acid  3.5/3/2.2

1.2% L-cysteine 2.1 HSCH,CH(NH,)COOH-HCI-H,0: 17.6

0.01% HCI (0.05 vol%

Concentrated HCI) 2

*Contains trace amounts of thickener and benzoic acid to adjust the viscosity to
6 mPa:-s.

types of solution-treated stainless steel. The quantities of Fe, nickel (Ni),
and total metals (Fe + Cr + Ni + Mo + Mn) released from the stainless steel
linearly decreased with increasing pH (pH 2-7.5), while the quantity of Cr
released gradually increased with decreasing pH (pH < 6) and plateaued at
pH 6. The quantity of Mo released is slightly higher in Ringer’s (pH 6.1)
and 4.5% NaCl (pH 5.5) solutions than in the other solutions. The quantity
of total metal released depends on pitting resistance equivalent (PRE).”®

PRE = %Cr + 3.3%Mo + 16%N [2.9]

The PRE values of ISO 5832, 316L, and high-N stainless steels are
approximately 24, 32, and 35, respectively. Therefore, the weekly quantity
of total metal released from high-N stainless steel is the lowest among the
three stainless steels.

Figure 2.14 shows the pH effects on metal release from three types of
Co—Cr-Mo alloy: as-cast, annealed, and hot-forged. The trends of the effect
of pH on Co, Cr, and Mo releases are nearly the same in the Co—Cr-Mo
alloys. In particular, the pH effect on Co release is very small. The quantity
of Cr released gradually increases as pH decreases (pH < 6) and is stably
low throughout the pH range. The quantity of Mo released is also very
low at a pH of approximately 3 and higher. The results indicate that heat
treatment and hot forging have negligible effects on metal ions released
from the Co—Cr—Mo alloys. Retrospectively, there have been many studies
on metal ion release from orthopaedic implants, particularly those focusing
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2.13 Effect of pH on quantities of each metal element released from
the three kinds of solution-treated stainless steels (ISO 5832-1, 316L,
and high-N) at 37 °C for one week: (a) Fe, (b) Cr, (c) Ni, (d) Mo, (e)

Mn, and (f) total.

on metal-on-metal bearing hip joints made of Co—Cr—Mo alloys in recent
years.”™ The average percentages of metal sensitivity (Co, Cr, and nickel
(Ni)) are approximately 10% for the general population, 22% for patients
with well-functioning implants, and 60% for patients with poorly functioning
metal-on-metal bearing hip implants.%>
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2.14 Effect of pH on quantities of each metal element released from
three types of Co-28Cr-6Mo alloy (as-cast, annealed, and hot-forged)
at 37 °C for one week: (a) Co, (b) Cr, (c) Mo, and (d) total.

2.6.2 Metal ion released from Ti alloys

Figure 2.15 shows the amounts of released Ni and Ti ions from Ni—Ti alloy in
relation to pH.”” The quantities of both Ni and Ti released markedly increases
with decreasing pH, particularly at about pH 2, and levels off from pH 4. In
terms of the clinical application, the amount of Ni ion release is within the
permissible range for in vivo application, and that satisfies the requirements
for spinal implants, biliary stent, coronary stent, and stent graft for abdominal
and thoracic aorta. Therefore, Ni—Ti alloy has been intensively developed
for clinically applied devices because it possesses brilliant superelasticity
and is now specified in ASTM F 2063.°!

According to the commission directive 2004/96/EC released by the European
Community on 27 September 2004, in all post-assemblies intended to be
inserted into pierced ears and other pierced parts of the human body, the
rate of Ni release should be less than 0.2 pg/cm?/week in an artificial sweat
solution.”? As shown in the results, the rate of Ni release from stainless steel
and Ni—Ti alloys is less than 0.2 ug/cm?/week.
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2.15 Effect of pH on quantities of Ni and Ti released from Ni-Ti alloy
at 37 °C for one week: (a) Ni, and (b) Ti.

Figures 2.16 and 2.17 show the effect of pH on the quantities of metal
released from Ti—6Al-4V and Ti—15Zr-4Nb—4Ta alloys. The effect of pH
becomes evident in Ti—-6Al-4V alloy; the amounts of metals released rapidly
increase along with the pH decrease in the pH range of 2 to 3 or 4, although
at pH higher than 3, the releases are almost zero. On the other hand, even
low pH has virtually no effect on metal releases in Ti—15Zr—4Nb—4Ta alloy,
except on Ti. Ti release starts to increase, although more gradually than in
Ti-6Al-4V alloy, when the pH decreases to around 3.5. The other elements,
Zr, Nb, and Ta, are barely released regardless of the pH level. It is evident
that the metal release of Ti—15Zr—4Nb—4Ta alloy is much less than that of
Ti—6Al-4V alloy. The series of results obtained through several analyses have
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2.16 Effect of pH on quantities of each metal element released from
Ti-6Al-4V alloy at 37 °C for one week: (a) Ti, (b) Al, (c) V and (d) total.

also confirmed that 0.9% NaCl+HCI solution adjusted to pH 2 is appropriate
as an accelerated immersion test solution.

2.7 Evaluation of biological properties
2.7.1  Osteocompatibility of Ti alloys

The parameters for newly formed bone tissues around implants can be
calculated using the following four formulae.®

new bone formation rate (%) = (total length of new bone
formed around implant)/(surrounding length of implant) [2.10]

bone contact rate (%) = (total length in direct contact with
implant as determined from x 100 optical micrograph)/

(surrounding length of implant) x 100 [2.11]

thickness of new bone = (total arca of new bone)/(total

length of new bone formed around implant) [2.12]
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2.17 Effect of pH on quantities of each metal element released from
Ti-15Zr-4Nb-4Ta alloy at 37 °C for one week: (a) Ti, (b) Zr, (c) Nb, (d)
Ta and (e) total.

osteoid formation rate (%) using villanueva stain = [(total
area of osteoid bone )/total area of new bone (osteoid plus
calcified bone)] [2.13]

Figure 2.18 shows an optical micrograph of the new bone formed around
Ti—15Zr-4Nb—-4Ta alloy implants. The newly formed bone is stained with
toluidine blue 48 weeks after implantation (a), and decalcified bone is stained
with hematoxilen eosin (H.E.) 12 weeks after implantation (b). The Ti—15Zr—
4Nb—4Ta alloy implant is completely surrounded by the new bone. Figure
2.19 summarises each value of Ti—-6A1-4V and Ti—15Zr-4Nb—4Ta alloys
implants obtained from the four morph metrical parameters. The new bone
formation rates are more than 90% in the early implantation period for all the
alloy implants. The bone contact rates gradually increase to approximately
more than 75% at 24 weeks after implantation, and thereafter, remain almost
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2.18 Optical micrographs of non-decalcified bone stained with
toluidine blue around Ti-15Zr-4Nb-4Ta implant 48 weeks after
implantation (a), and that decalcified bone stained with H.E. 12 weeks
after implantation (b).
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2.19 Changes in newly formed bone around implants during
implantation period: (a) bone formation rate, (b) bone thickness,
(c) bone contact rate, and (d) osteiod formation rate.
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unchanged. No difference in new bone thickness between the Ti-6A1-4V and
Ti—15Zr-4Nb—4Ta alloy implants is observed. As compared in Fig. 2.19(d),
in the case of the Ti—-15Zr—4Nb—4Ta alloy implant, the osteoid formation
rates are 10 + 4,6 +3,6+2,and 3 + 1% at 4, 12, 24, and 48 weeks after
implantation, respectively. In contrast, in the case of the Ti-6A1-4V alloy
implants, the osteoid formation rates slightly increase from 24 up to 48 weeks
after implantation, and the values are 9 + 6 and 12 + 8% at 48 weeks.’® The
effect of a different surface treatment on Ti—-6Al-4V and Ti—15Zr-4Nb—4Ta
alloy implants was investigated by implantation into rabbit femur. The pullout
strength shows no statistical differences within blasted/machined implants
at any stage after implantation, showing a linear increase between 4 and 24
weeks followed by a slight decrease at 48 weeks. By comparing the effect
of treated surfaces within the same alloy implants, blasted show significantly
higher pullout strength than machined counterparts (Fig. 2.20).”

2.7.2 In vivo metal release

The metal concentration in the solution containing the dissolved bone tissues
is determined by Inductively Coupled Mass Spectrometry (ICP-MS). The
concentrations (lLg/g) of various metals in the bone tissues can be calculated
by dividing each metal quantity (lg) in the dissolved bone tissue solution
by the lyophilized bone tissue weight (g).>° As seen in Fig. 2.21, the Ti
concentration in the rat tibia tissues with the Ti—15Zr-4Nb—4Ta implant is
considerably lower than that in the tibia tissue with the Ti—-6Al-4V implant.

500 —
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£,300 -
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s |
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2.20 Pullout strengths after rabbit implantation of Ti-6Al-4V and
Ti-15Zr-4Nb-4Ta alloys, surface treated (machined or shot-blasted).
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The Zr, Nb, and Ta concentrations do not increase markedly compared with
those of the control sample (without implant). The ratio of Ti concentration
or the total concentration of each alloying element in the tibia tissue with
the Ti—15Zr-4Nb—-4Ta implant to that in the tibia tissue with the Ti-6Al-4V
implant is estimated in Fig. 2.22. The Ti concentration in the tibia tissue with
the Ti—15Zr-4Nb—4Ta implant is approximately 40% lower than that in the
tibia tissue with the Ti—-6Al-4V implant. The (Zr+Nb+Ta) concentration is
20% less than the (Al+V) concentration.
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2.21 Changes of metal concentration in lyophilized tibia tissue with
Ti-6Al-4V or Ti-15Zr-4Nb-4Ta implants during implantation period:
(a) Ti released from Ti-6Al-4V or Ti-15Zr-4Nb-4Ta, (b) Al released

from Ti-6Al-4V, (c) V released from Ti-6Al-4V, (d) Zr released from

Ti-15Zr-4Nb-4Ta, (e) Nb released
released from Ti-15Zr-4Nb-4Ta.

from Ti-15Zr-4Nb-4Ta, and (f) Ta
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2.22 Ratios of Ti ions released from Ti-15Zr-4Nb-4Ta alloy and
Ti-6AI-4V alloy (Control: 1.0) into rat bone tibia tissue with implants.

2.7.3 Evaluation of biological properties under Good
Laboratory Practice regulation

The quantity of released metal ion affects biocompatibility, including
cytotoxicity, sensitisation, and genotoxicity. In cytotoxicity tests performed
under the GLP (Good Laboratory Practice) regulation, cell line V79 is cultured
directly on Ti—-15Zr-4Nb-4Ta alloy discs for a colony formation test. The aim
is to evaluate the cytotoxicity of released substances and interaction with the
material surface such as cell adhesion. The result yielded neither an increase
in the cell adhesiveness and colony forming ratio nor cytotoxicity. This result
is the same as that obtained previously with Ti—-6Al-4V alloy that was used
as a control sample. No sensitisation is detected by maximisation test using
guinea pigs. In a reverse mutation test with bacteria and a chromosomal
aberration test with CHL/IU cells, concerning genotoxicity, the clastogenic
property is negative and both tests showed no genetic mutation induction.
In implantation tests in rabbit tibia and femur for 4, 12, 26, and 52 weeks,
no degeneration in the bone marrow tissue around the implantation sites is
observed under all implant conditions. Aggregates, degeneration, and necrosis
are not induced by inflammatory cells such as macrophage, heterophil, and
leukocyte. New bone is formed from 4 weeks, which is the same as in the
case using the reference material, Ti—-6Al-4V alloy.

2.8 Fatigue assessment

Fatigue resistance is one of the most important mechanical characteristics
of structural biomaterials, because biomaterials are generally used under
cyclic loading conditions. An electro-hydraulic-servo testing machine is
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popularly used in Ringer’s solution, which is considered to be an appropriate
solution for corrosion testing in ISO 16428.'* The specimen is fitted into a
polyethylene testing cell containing Ringer’s solution and then set on a fatigue
testing machine. The solution temperature inside the cell is maintained at
37 °C using heated water circulating around the cell. The tests are carried out
mainly in the tension-to-tension mode with a sine wave. Testing conditions
are as follows: stress ratio (R = (minimum stress)/(maximum stress)) of 0.1,
frequency of 10 Hz. To obtain the profiles of maximum stress vs. number of
cycles (S—N curves), the specimens are cycled with a constant load amplitude
for a maximum of 10° cycles or until they fail.**

2.8.1 Effect of specimen shape on S-N curves

As shown in Fig. 2.23(a), the effect of specimen thickness with annealed
Ti—15Zr—4Nb—4Ta alloy plates is small, and fatigue strength at 1 x 10® cycles
is approximately 485 MPa. Figure 2.23(b) shows S—N curves obtained using
different specimen types of annealed Ti—15Zr—4Nb—4Ta alloy rods (uniform
specimen) in Ringer’s solution at 37 °C. The effect of specimen diameter is
small at 3 mm or longer diameter. The fatigue strength at 1 x 10® cycles is
approximately 730 MPa. In a uniform specimen, fatigue fracture occurs at
different positions owing to the effect of machining; however, hourglass-
shaped specimens fracture at the same position (at the position of minimum
diameter). Plate-shaped specimens also exhibit lower fatigue strength than
rod-shaped specimens.

2.8.2 Comparison of fatigue strengths for Ti alloys

As shown in Fig. 2.24(a), the fatigue strengths of annealed Ti—-6Al-7Nb,
Ti—6Al-4V, and Ti-6Al-2Nb-1Ta hourglass-shaped rods (minimum diameter:
4.5 mm) at 1 x 10® cycles in Ringer’s solution at 37 °C are approximately
600, 685, and 700 MPa, respectively. Figure 2.24(b) shows the S—N curves
for annealed and aged Ti—15Zr-4Nb—4Ta hourglass-shaped rods (minimum
diameter: 4.5 mm) in Ringer’s solution at 37 °C. Aged specimens yield much
higher fatigue strength than annealed ones.

Mechanical properties and the ratios of fatigue strength at 1 x 10% cycles
to ultimate tensile strength are compared in Table 2.4. The ratios for all the
materials except Ti-15Mo—5Zr-3Al alloy were higher than approximately
65%. Aged Ti—-15Zr-4Nb-4Ta rod, in particular, exhibits a high rate of
approximately 75%. The ratios at 1 x 107 cycles reported in the literature
are summarised in Table 2.5. Ti—-15Mo, Ti—-12Mo-6Zr—2Fe, and Ti—24Nb—
47r—8Sn alloys, which have B phase matrix and exhibit high ultimate tensile
strength, show lower ratios than CP Ti. To improve the fatigue strengths of
these S-type alloys, studies on the ageing condition, which follows solution
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2.23 S-N curves obtained from tension-to-tension fatigue test with
sine wave (10 Hz) in Ringer’s solution at 37 °C for annealed Ti-15Zr-
4Nb-4Ta alloy plates or rods: (a) effect of plate specimen thickness,
and (b) effect of specimen diameter.

treatment or cold working, were carried out, and it has been clarified that
their fatigue strengths are heightened following a number of treatments.
However, the relatively high fatigue strength can be achieved by annealing
in Ti—15Zr-4Nb-4Ta alloy, which is o +  type alloy.

29 Orthopaedic implant device failure: Analysis of
adverse clinical cases

One of the considerable issues concerning implant devices is the failure of
surgically implanted examples. Retrospective analyses of 17000 clinical
device adverse cases in orthopaedics between 1992 and 2001 on the Food
and Drug Administration database (Manufacturer and User Facility Device
Experience Database, USA) have yielded increasing failure cases in bone
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2.24 S—N curves obtained from tension-to-tension fatigue test in
Ringer’s solution at 37 °C for annealed Ti-6Al-7Nb, Ti-6Al-4V, Ti-6Al-
2Nb-ITa alloy rods (a), and annealed and aged Ti-15Zr-4Nb-4Ta alloy
rods (b).

screws, bone plates, compression hip screws, intramedullary fixations, short
femoral nails, and artificial hip/knee joints. The percentage of breakage is
approximately 70% in osteosynthesis devices. However, the percentage of
breakage in artificial hip/knee joints is below 20%. The applied points of
the broken bone screws are mostly in lower limbs such as hip joint and
femur, followed by spine. In the cases of bone plate breakages, the femur
is the most reported. The breakage points of CHS are mostly on the side
plates, followed by lag screw and screw of the side plate. Breakage of the
intramedullary nail is more in rods than in screws; the points occur more on
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proximal screw holes than on the distal screw holes. Approximately 60%
of the breakage is in the position of the screw hole. Likewise, breakage of
the rod with screw hole of short femoral nail accounts for about 90% of the
total cases. Figure 2.25 shows the adverse analysis of artificial hip joints.
Breakage is approximately 45% of the total. The most common parts of
loosening are cups, followed by stems and components of cups; the most
common parts of breakages are stems, followed by liners and ceramic heads.
The most common parts of stem breakage are the neck part and the middle
of the stem. For artificial knee joint, wear is the most common reason for
the failure, accounting for 25% of all failures. Breakage and loosening
follow. One-third of the common breaking points is in the fibula insert, then
fibula base plate and followed by the patella. It was found to be important
to evaluate not only simple strengths, such as mechanical strength, but also
durability in fatigue tests.

2.10 Performance evaluation for orthopaedic devices

Mechanical testing machines on bone plates, CHS, short femoral nails,
intramedullary nails, screws, artificial hip joints, artificial knee joints, and spine
fixtures have been developed over time. For bone plates and intramedullary
nails, methods of evaluating the bending strength, bending stiffness, and
durability using the four-point bending test have been developed, as shown
in Figs 2.26(a) and (b).27% For CHS and short femoral nails, compression
strength, compression stiffness, and durability are evaluated using the

Table 2.5 Mechanical properties of commercially pure Ti (CP Ti) and various
Ti alloys, and comparison of ratio of fatigue strength at 108 cycles (oFS) with
ultimate tensile strength (cUTS)

Alloys o0.29ps(MPa) oyts(MPa) T.E.(%) R.A.(%) E(GPa) ofs/oyts
Ti-15Zr-4Nb-4Ta

Annealed (plate) 800+14 910+10 19+2 0.54

Annealed (rod) 848+2 915+3 21+2 55+3 942 0.80

S.T.+Aged (rod) 89415 1020+8 15+2 48+3 98+2 0.89
C.P.Ti Grade 2 276+6 410+4 40+2 60+6 106+2 0.68
C.P.Ti Grade 3 380+2 540+2 322 542 108+3 0.66
C.P.Ti Grade 4 600+6 7018 262 46+3 1182 0.69
Ti-6Al-4V 849+1 934+1 16+1 42+3 102+4 0.73
Ti-6AI-7Nb 845+8 960+10 18+2 47+3 1082 0.63
Ti-6Al-2Nb-1Ta 842+2 900+3 18+3 43+4 1101 0.81
Ti-15Mo-5Zr-3Al

Solution annealed 910+10 930+8 19+2 50+2 92+2 0.38

Hot-forged 963+12 988+10 18+2 50+6 102+£2 0.71
Ti-15Mo [34] 1420 2 0.46
Ti-12Mo-6Zr-2Fe [33] 1080 20 80 0.54
Ti-24Nb-4Zr-8Sn [28] 1020 9 70 0.40

© Woodhead Publishing Limited, 2010



56 Metals for biomedical devices

Osteolysis 3% Others 3%

Disassociate 5%

Adverse cases
1992-2001

350
M Others
300} | @ Osteolysis
» B Disassociate
(0]
& 250 | 2 Wear
g Dislocate
g 200 ElLoose
3 OBreak
@
© 150 =|
2 N
E 100]-
z
50— ﬁ
o M
1992 1994 1996 1998 2000

Year

2.25 Analysis for hip joints in adverse clinical cases with FDA D.B.

compression bending test (Fig. 2.26(d)). For screws, a torsional breaking test,
an evaluation of durability by the 4-point bending, a driving force test into
artificial (model) bones, and a pullout test from model bones are examined
(Figures 2.26(c) and 2.27).%7 For artificial hip joints, methods are examined
mainly to evaluate the durability of stems and wearing parts; for artificial
knee joints, methods are examined mainly to evaluate the durability of tibial
components and polyethylene liners.”®

2.10.1 Mechanical properties for osteosynthesis devices

To evaluate the bending strength, bending structural stiffness, and fatigue
properties of osteosynthesis devices, 4-point and 3-point bending tests on
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2.26 Static 4-point bending and 4-point bending fatigue tests (a), (b),
(c). Loading rollers are placed at one-third points between the two

support rollers. Schematic illustration of compression bending tests
(d).

bone plates, intramedullary nail rods, and bone screws are conducted. Load
versus displacement (L-D) curves in all tests are determined at a crosshead
speed of 10 mm/min (Fig. 2.26).”” The bending strength and bending structural
stiffness are determined using the following expressions:

bending strength (N'm) on 4-point and 3-point bending tests
= Ph/2 [2.14]

bending structural stiffness (N-m?) on 4-point bending test
= (2h+3k)Mh%/12 [2.15]

(in the case of 3-point bending test, the value of h is 0)
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2.27 Schematic illustration of (a) torsional breaking, (b) driving force,
and (c) pullout tests. (d) Torque versus rotational angle curve.

where:

P = offset load for 0.2% or 2% offset displacement

h = distance between loading roller and support roller

k = loading span distance

M = bending stiffness estimated from the maximum slope of the linear
portion of the L-D curve

The design and composition of the devices affect the test results. The difference
in bending strength of the bone plate on 3-point and 4-point bending tests
appears after the bending strength exceeds 20 N-m; the values on the 3-point
bending test are higher than those on the 4-point bending test. On the 4-point
bending test for bone plates, it is recommended that two support rollers be
used, and also two screw holes from the outside of the loading rollers. The
offset displacement is 0.2% of the distance between the support rollers and
loading rollers. On the basis of the 4-point bending fatigue test on bone
plate, it is found that the frequency can be accelerated to 5 Hz. The fatigue
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property of the bone plate measured in Eagle’s medium, is almost the same
as that measured in air. The fatigue properties of all tested devices are
affected more by their design than by the composition of materials. Likewise,
the intramedullary nail rod shows excellent fatigue properties. The fatigue
properties of a screw made of Ti materials markedly changes with the core
diameter of 3 to 3.5 mm.

The compression bending tests on CHS, short femoral nails, and T-shaped
metal plates (T-plates) are conducted to evaluate the compression bending
strength, compression bending stiffness, and fatigue properties. Load versus
displacement (L-D) curves are measured at a crosshead speed of 10 mm/
min. Bending stiffness (N/m) is estimated from the maximum slope of the
linear elastic portion of the L-D curve. Bending strength (N-m) is defined
as:

bending strength (N'm) = lever arm X offset load [2.16]

To estimate offset load, 0.2% or 2% of the lever arm is used as the offset
displacement. The design and composition of the devices affects the test
results. The compression bending strength of CHS with all screw holes of
the side plate anchored is approximately 1.3 times higher than that with the
top screw hole unanchored. The bending stiffness decreased as the lag screw
became longer, although the bending strength is not affected by the lag screw
length. Short femoral nails show higher bending stiffness and strength than
CHS. T-plate shows higher bending strength and fatigue property than the
T-buttress plate in all tests. As the maximum load in fatigue test (R = 0.1)
of CHS became smaller, the starting point of the fracture shifted from the
lag screw to the side plate. The fatigue properties of the sliding-type CHS
are markedly lower than those of the tube type. The effect of jig fixation
on the fatigue properties of CHS is small. The fatigue properties of short
femoral nails are higher than those of CHS. The effect of diameter of the
proximal nail on its bending stiffness and strength is large, whereas the
effect of proximal shaft angle is small. Its fatigue properties decrease with
decreasing proximal shaft angle and diameter of the nail.

2.10.2 Performance properties for metallic bone screw

To evaluate the torsional breaking and performance properties of cortical,
cancellous, and locking screws widely used in thigh bones, a torsional breaking
test (rotational speed: 1 rpm), a screw driving force test into cortical sawbone
(Solid Rigid Polyurethane Foam, 15 pcf) or cancellous sawbone (Cellular
Rigid Polyurethane Foam, 20 pcf) with a loading of 100 N, and a pullout test
(crosshead speed: 10 mm/min) on screws driven and left in sawbone in the
driving force test are conducted (Fig. 2.27).%® It is shown that the 2° proof
and rupture torques of screw estimated from torque versus rotational angle
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curves increased with increasing core diameter of the screw. The 2° proof
torque of a stainless steel screw is higher than that of screws made from
Ti materials. Rupture torque is not affected by different materials. Cortical
double-threaded screws show the highest rupture torque among all cortical
screws. The maximum pullout load tends to increase with the driving torque
indicated in a driving force test. The effects of screw shapes, namely, the
height of the screw [(thread diameter-core diameter)/2], the pitch, and the
aspect ratio (height of screw/pitch) on driving torque are small while the
maximum pullout load increases with those values. In general, the maximum
pullout load of the pre-tap screw is larger than that of the self-tap screw.

2.10.3 Performance evaluation for artificial hip joints

Testing machines are developed, which are based on a 4-axis control, to
evaluate wear properties of artificial hip and knee joints under the simulation
of human movement (Fig. 2.28).°” In the artificial hip joint test, the load
of human body weight and angles of human femoral movement (angles of
flexion or extension, adduction or abduction, and inward or outward rotation)
are simulated using two samples. The samples are subjected to a load either
with or without rotation. The findings sufficiently show consistent patterns
between the command waves, adjusted using the system, and the measured
waves. This shows that the machine is sustainable to function continuously.
The developed machine for artificial knee joints is used under two standard
testing conditions: load control and displacement control. The system is able to
independently optimise each applied 4-axis force action, namely, axial force,
flexion, tibial rotation, and anterior posterior (AP) force. The control also
minimises the effect caused by the surface shapes of the femur component
and tibia insert when all four axes are loaded at the same time. A series of
wear characteristic test results showed little wear loss of a clinically-used
artificial hip joint, which consisted of a cross-linked ultrahigh molecular weight
polyethylene (UHMWPE) liner and Co—Cr—Mo articular head. Wear loss of
an artificial knee joint, composed of a UHMWPE liner and Co—Cr-Mo alloy
femoral components, increased linearly with wear cycles. The wear loss of
UHMWPE per million cycles was approximately 10-20 mg.

2.11 Future trends

Many measurement techniques have been used to study biomaterials and
have contributed to the improvement of orthopaedic devices over the years.
Effective test strategies are necessary for evaluating novel technologies,
making suitable design decisions and gathering data to standardise and monitor
devices in clinical use. In other words, they enable a broader understanding
of corrosion resistance and long-term stability, fatigue assessment, capability
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2.28 (a), (b) Test system for the wear property evaluation of artificial
hip joint. (c) Applied load, (d) angle of flexion (+) or extension (-), (e)
angle of adduction (+) or abduction (-), and (f) angle of inward (+) or
outward (-) rotation.

of being processed, and manufacturing cost—efficiency. In the future, more
technologies are expected to be applied to facilitate development of new
biocompatible devices. As we have seen, a better understanding of material
properties highlights the importance of advanced material selection, which
reduces failure of metallic orthopaedic devices. From this perspective,
commercially pure Titanium and Ti alloy, stainless steel and cold-worked CP
Ti grade 4, are likely to gain future significance due to their characteristics.
Subsequently, prospective use of the Co—28Cr—6Mo alloy will become more
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pervasive for artificial joint bearing parts. However, the general trend of usage
differs according to the application. As for the cement-type artificial hip stem
material, Ti alloys are not likely to be used in the future, and will be replaced
by the Co-28Cr—6Mo alloy and cold-worked high-nitrogen stainless steel
with high strength and stiffness. On the other hand, the importance of the
highly biocompatible Ti alloy should be emphasised as a cementless hip stem
material. Taking into account the annealing process and the characteristic
change, annealing treatment of o + S-type Ti alloy will result in relatively
high fatigue strength. The further development of alloys with high fatigue
strength will be expected, just like hot-forged Co-28Cr—6Mo and cold-
worked stainless steel which have gained rapid attention as orthopaedic
materials. Thus, the introduction of solution treatment and over ageing
(STOA) treatment or die-hot forging techniques are deemed promising for
the mechanical property improvement of the Ti alloy.

However, the detrimental health outcomes of metal ion release from the
devices should not be neglected. In particular, the long-term effect is an
issue of concern. Two standardised tests may provide an impetus to raise
this issue: the static immersion test in JIS T 0304 and the evaluation method
for electrochemical strength and stability of the oxide film formed on the
metal surface in JIS T 0302.

In terms of the metallic elements, Ti and Zr exhibit excellent cytocompatibility
to both soft tissue-derived mouse fibroblast cells and bone-derived mouse
osteoblast cells. Thus, Zr, Nb, and Ta as alloying elements for Ti alloys are
important to attain long-term superior corrosion resistance and biocompatibility
in the long-term. Furthermore, the oxides ZrO,, Nb,Os, and Ta,O5 strengthen
the passive film and prevent metal ion release, via the compound addition of
Zr, Nb and Ta. However, recall that too large an addition of Nb and Ta to Ti
alloy leads to higher manufacturing costs and lower biocompatibility. The most
suitable alloy with the most favourable properties is the Ti—15Zr—4Nb-4Ta
alloy, which has better room-temperature strength and fatigue properties
with higher biocompatibility. In fact, the biological safety of this alloy has
already been proven in cytotoxicity tests, sensitivity tests, genetic damage
tests and rabbit implantation tests. This creates high expectations for the
long-term future use of this alloy as a viable implant material.
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Mechanical properties of metallic
biomaterials

T. NAKANO, Osaka University, Japan

Abstract: Almost all metallic biomaterials are crystalline, with regular
atomic arrangement, and their mechanical properties are dominantly
controlled by dislocation motion and twinning closely relating to the crystal
structure. Their mechanical properties can be improved by control of lattice
defect or phase transformation at the atomic level. In this chapter, some
metallic materials applied for the biomedical field, such as stainless steel,
cobalt—chromium alloys, pure titanium, titanium alloys and noble metallic
alloys are taken as examples, and the basic knowledge for governing
mechanical properties in metallic materials for biomedical use are described
from the viewpoint of crystal structure, slip deformation, dislocation, phase
diagrams and recrystallisation. Relationships between microstructure and
mechanical properties, and methods for strengthening metals, are briefly
mentioned. In addition, the requirements required of metallic biomaterials
for implantation are discussed with respect to the bone microstructure, and
strategies for improving the in vivo mechanical properties by combining
metallic biomaterials and bones are considered.

Key words: biomaterials, mechanical property, crystal structure, phase
diagram, plastic deformation, dislocation, apatite, bone microstructure, bone
quality, stress shielding effect.

3.1 Introduction

Metallic materials have outstanding mechanical reliability in in vivo
environments, and so they are the most widely used implant materials.
They are particularly used in load-bearing parts in orthopedic surgery and
dentistry, to support the body weight on the bones and joints and enable
the reconstruction of motor functions.! Although there was a time when
the future use of metallic biomaterials was doubted because they remain in
the body, progress in regenerative medicine in recent years has indicated
that it would not be possible to develop biomedical devices without taking
advantage of the mechanical properties and other outstanding functions of
metallic materials.

In this chapter, in order to provide a foundation for understanding and
controlling the basic properties of metallic biomaterials, a general explanation
of crystal structure, slip deformation and dislocation, phase diagrams and the
selection of phase, and deformation and recrystallisation process is given,
with a focus on the relationship between the microstructure and mechanical
properties. Finally, the requirements required of metallic biomaterials for

71

© Woodhead Publishing Limited, 2010



72 Metals for biomedical devices

implantation with respect to the microstructure of bones, and strategies
for improving the in vivo mechanical properties by combining metallic
biomaterials and bones are considered.

3.2 Requirements for mechanical functions in vivo

The mission of biomaterials is to save lives, provide medical treatment, and
improve the quality of life (QOL). The advantages of metallic biomaterials
include high strength, ductility, toughness, abrasion resistance, fatigue-
resistance, high elastic modulus, and high electric conductivity; some metallic
materials also show outstanding magnetic qualities.> As a result (as shown
in Fig. 3.1), considering only bone-related implants, metallic biomaterials
are used in a majority of devices for load-bearing parts, including artificial
joints, osteosynthesis devices and spinal fixation, and they have a wide
range of applications as dental restorations, artificial tooth roots, denture
bases, wires for use in orthodontics, prosthetic valves, electrodes, clips,
etc. Moreover, metallic stents are used to expand constricted areas in blood
vessels, intestines, etc., and their use is increasing every year.

Many of these metallic biomaterials are crystalline materials with a periodic
arrangement of metallic atoms, and the mechanical properties on which
most importance is placed when they are being applied in load-bearing parts
are governed by dislocation and twinning based on their crystal structure.
Moreover, the so-called phase transformation in which the crystal structure
changes, in particular the expression of superelasticity based on the martensitic
transformation, has led to the application of these metallic biomaterials
in vivo because the metal gives the appearance of behaving in a way that
produces flexibility. In other words, metallic biomaterials aim to improve
their mechanical properties through the control of lattice defects and phase
transformation at the atomic level. Currently, typical metallic biomaterials
used in clinical settings include stainless steel, cobalt-chromium (Co—Cr)
alloys, pure titanium (Ti) and titanium alloys, and noble metallic alloys.
All of these are crystalline materials, with their mechanical and physical
properties governed by their atomic arrangement and crystal structure and
the symmetry of these structures.

3.2.1 Crystals and crystal structure

Crystals are solids with long-range periodicity whose constituent atoms,
ions, or molecules are arranged in an orderly repeating pattern extending in
all three spatial dimensions.** Crystals are distinguished from amorphous
materials, and their crystal structures are deeply related to the mechanical
properties of the materials. Crystal structure does not necessarily depend on
the arrangement of individual atoms, etc.; it is expressed by the distribution
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3.1 Various bone-related implants that are used in vivo for
orthopaedic surgery and dentistry. The majority of them are made
solely of metal. (Photos provided by Nakashima Medical Co. Ltd,
Japan and Japan Medical Materials (JMM) Co. Ltd, Japan).
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of imaginary points reflecting the periodicity in crystals, which are called
the lattice points. As shown in Fig. 3.2, the arrangement of all of the lattice
points is divided into seven crystal systems determined by three vectors, a,
l;, and ¢ and the angles between them ¢, 3, and 7, and furthermore are finally
classified into 14 types of Bravais lattice on the basis of the distribution of
the lattice points. Here the lattice points certainly have the same environment.
It is surprising that the crystal structures are classified into only 14 types;
however, the distribution of atoms, etc. to each lattice point has infinite
variations, and so there is a great variety of crystal structures.

In metallic materials, most often a single metallic atom occupies the
lattice points of a simple lattice, and those with a highly symmetric crystal
structure are widely used in industrial applications. This is because in

7

B a B
5 v /
Crystal system Axial lengths and angles Bravais lattice
Simple (P)
Cubic a=b=c a=p=y=90° Body-centered (I)
Face-centered (F)
Tetragonal a=bsxc a=B=y=090° Simple (P)
9 sca=f=7y Body-centered (I)
Simple (P)
Orthorhombic axbxca=f=y=90° Body-centered (1)
Base-centered (C)
Face-centered (F)
Rhombohedral a=b=c a=p=yx90°(<120° Simple (P)
Hexagonal a=bxc a=p=90°y=120° Simple (P)
Monoclinic axbxca=y=90°xp Simple (P)
Base-centered (C)
Triclinic axbxc oaxfxysx90° Simple (P)

3.2 The unit cells and crystal systems that determine the crystal
structure and the categories of Bravais lattices. All crystals can be
classified into the seven crystal systems and the 14 Bravais lattices.
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combinations of crystal grains with differing crystal orientations (in other
words in polycrystals) the highly symmetric crystals easily satisfy the von
Mises criterion, which are the conditions necessary for maintaining the
continuity of the strain through the crystal grain boundaries. Figure 3.3 shows
the typical crystal structures: the body-centered cubic (bcc) structure, the
face-centered cubic (fcc) structure, and the hexagonal close-packed (hcp)
structure. The symmetry of the crystal structure is lower for hep than bee and
fce, and the packing density of the atoms is lower in bce than fec and hep.
These atomic arrangements are deeply related to the mechanical properties
in metallic biomaterials.

In current major metallic biomaterials, the crystal structure of the constituent
phases is occupied by highly symmetric atomic arrangements. For example,
stainless steel depends on alloy composition and heat treatment and generally
has a bcc or fcc structure, and the SUS316L stainless steel with increased
corrosion resistance, which is used as a metallic biomaterial, has fcc as its
parent phase. Moreover, Co—Cr alloys for biomedical application are basically
fcc, and pure titanium (Ti) has hep (o phase) as its stable crystal structure
at ambient temperature and bcc (f phase) as its stable crystal structure at a
high temperature of 882.5 °C or above. Ti-6Al-4V alloys, and Ti-6Al-7Nb
alloys excluding the biotoxic element vanadium (V), have an (o + f) duplex
microstructure, including a bce (B phase) in addition to the hcp (e phase).

In recent years, there has been research into and development of alloys
with a low Young’s modulus, aimed at alleviating the stress shielding effect
caused by the difference in the elastic modulus between bone tissue and
metallic implants (the phenomenon in which bone mass, bone density, and
bone quality decline compared to normal levels when stress is shielded).
Typical examples of this are S-type Ti alloys, which have a bcc crystal

(a) Body-centered cubic (b) Face-centered cubic (c) Hexagonal close-
structure (bcc) structure (fcc) packed structure (hcp)

3.3 The atomic arrangement in (a) the body-centered cubic (bcc)
structure, (b) the face-centered cubic (fcc) structure, and (c) the
hexagonal close-packed (hcp) crystal structure. These three
structures are the basic crystal structures of the metallic materials
that are widely used in practical applications due to their high crystal
symmetry. In metallic biomaterials, most of the crystal structures of
the parent phase are one of these three structures.
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structure as their stable crystal structure. However, from the perspective
of the improvement of mechanical properties, alloy compositions with low
bce-stability are the focus of attention, and expression of several types of
martensitic phases using martensitic phase transformation and the control of
precipitation using heat treatment are possible. Most of the several structures
that are formed in this way belong to the hexagonal crystal systems that
have an o-phase. Here, the martensitic transformation is a ‘non-diffusion
transformation’ in which the crystal structure changes without any help
from thermal activation energy and is the cause of the superelasticity and
shape memory phenomenon. In particular the superelasticity derives from
the fact that the crystal structure changes reversibly due to the martensitic
transformation when loading and unloading stress, and creates flexibility as
a rubber-like metal.

The crystal structure of noble alloys for dental use depends on the alloy
composition; however, many gold and platinum series (Au—Pt) alloys have
fcc as their matrix crystal structure.

3.2.2 Deformation of crystalline metallic biomaterials

The deformation of crystalline metallic materials can be classified into two
types: ‘elastic deformation” and “plastic deformation’.>* “Elastic deformation’
is a region governed by Hooke’s law equivalent to the deformation of a
spring, and unloading returns the materials to their original shape. On the
other hand, if a load greater than a certain level is applied, the shape of
the deformed materials does not recover to its original state even after the
weight is removed. This kind of permanent deformation is called ‘plastic
deformation.” Figure 3.4 shows the classical stress—strain curve of a single
crystal of a B-type Ti alloy for biomedical application. In the low-strain region,
stress rises linearly due to elastic deformation; after reaching a certain level
of stress, the gradient declines and plastic deformation starts. This stress, at
which the transition from elastic deformation to plastic deformation takes
place, is called the ‘yield stress’ or the ‘elastic limit’ and is an important
indicator reflecting the strength of materials. However, it is important to note
that even above the yield stress, elastic strain increases as stress increases.

The slope of stress—strain curves in elastic deformation is called Young’s
modulus, and it reflects the elastic property of materials. Generally, when
metallic biomaterials are applied in implantations, etc. they are used within
their elastic limit. For this reason, when they are implanted in bones the
difference in the elastic modulus compared to bones is important. The elastic
modulus of cortical bones is about 10-20 GPa, whereas it is higher for current
metallic biomaterials. In SUS316L stainless steel, it is approximately 160
GPa, in Co—Cr alloys it is approximately 200 GPa, and in pure titanium it is
approximately 110 GPa. As a result, when metallic biomaterials are introduced
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3.4 The classical stress—strain curve of a single crystal of a g-type Ti
alloy used for medical applications at room temperature. After elastic
deformation, macroscopic plastic deformation starts at the yield
stress, and the material undergoes permanent deformation. In this
case, slip deformation due to the dislocation is responsible for the
plastic deformation.

in parallel into bone structure, bone tissue is absorbed by the stress shielding
effect, which is based on the different elastic modulus between bone and
metallic materials.® Therefore, in current metallic material implants, basically
harm is avoided by connecting bones and implants in a series circuit with
a loading direction. Nonetheless, there are inherent limitations to this kind
of device design, so that an alloy with an elasticity similar to the elastic
modulus of bones is thought to be necessary. For example, in the case of
the newly designed Ti—niobium-tantalum-zirconium (Ti—-Nb-Ta—Zr) alloys,
in polycrystalline substances Young’s modulus is about 60 GPa but in the
[001] direction, owing to single crystallisation, it is possible to realise a
Young’s modulus under 40GPa, closer to that of bone tissue.”

In the plastic deformation region after yielding, along with an increase in
the strain, the crystalline materials, in general, harden as their deformation
proceeds. Metallic biomaterials are never used at the yield stress or above;
however, plastic deformation behavior is extremely important with respect
to fabrication to give the materials their shape, the introduction of strain
for microstructure control, and the progress of deformation due to metal
fatigue. Elongation up to the point of fracture in tension shows the ductility
of the materials, and the larger this value, the easier the plastic deformation
becomes. However, the ductility of materials tends to be in inverse proportion
to the yield stress or maximum strength; therefore, it is important to adjust
both accordingly for the application, and to design the materials to increase
both strength and ductility.
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Generally the rise in yield stress due to the decline in temperature
(temperature dependence) is larger for bcce than fee and hep; therefore, bee is
more strongly affected by interstitial elements with small comparative atomic
radii such as carbon (C) and nitrogen (N). When considering the dislocation
discussed later, this is deeply related to the structures of the formation of
the surrounding strain field and the dislocation core. (This is the part where
the rearrangement of the atomic arrangement in the center of the dislocation
occurs, a portion that cannot be described by elastic theory).

3.2.3 Slip deformation based on crystal structure

The elastic deformation and plastic deformation behaviour from a macro
perspective discussed in the previous paragraph is deeply related to the
crystal structure, which is a spacial atomic arrangement. Figure 3.5 shows
the stylised movement of atoms in two dimensions inside crystals when
first elastic deformation and subsequently plastic deformation occurs. For
example, if a tensile load is added under elastic deformation (Fig. 3.5(b)),
the atomic distance changes relative to that before deformation (Fig.
3.5 (a)); however, the bonding relationships among the adjacent atoms do

Loading direction

Loading direction

Undeformed Elastic deformation Plastic deformation
(a) (b) (c)

3.5 A stylised diagram showing the movements of atoms within
crystals in two dimensions when elastic deformation and plastic
deformation progress. With elastic deformation, after unloading,

the atomic distance and external shape return to how they were
originally. In plastic deformation, a slip occurs due to the atomic
arrangement in crystalline metallic materials; however, the slip plane
and slip direction in this case are strongly constrained.
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not change. Therefore, elastic deformation is deeply related to the shape of
the potential between atoms with respect to atomic distance.

On the other hand, plastic deformation progresses due to the slip deformation
of the crystals, as in Fig. 3.5(c). Slip deformation is due to the relative
displacement of atoms in a specific direction called the slip direction on a
specific crystal plane called the slip plane.’>* Generally, the plane in which
the separation between slip planes (lattice spacing) is large and the atoms
are closely packed is selected as the slip plane, and the direction in which
the atoms are most closely arranged is selected as the slip direction. This
kind of deformation can be said to be a constraint condition for enabling
plastic deformation to progress in metallic biomaterials and other crystalline
metals while breaking down the stable crystal structure as little as possible.
Therefore, there is a tendency to believe that deformation is generally easy
for metallic materials; however, it is necessary to be strongly aware of the
fact that actually plastic deformation progresses under constraints which
result in the selection of the slip plane and slip direction based on the
crystal structure. As a result, appropriate material design involves producing
metallic biomaterials that combine mechanical safety and outstandingly high
strength.

Figure 3.6 illustrates the typical slip systems (combinations of slip planes
and slip directions) seen in bcc, fce, and hep, the most common structures
in metallic biomaterials. The slip plane and slip direction are written in their
respective separate spaces (respectively called the reciprocal lattice space and
the real lattice space) using Miller indices or using Miller-Bravais indices
in the hexagonal crystal system. The fcc and bcc structures are cubic crystal
systems; therefore, in terms of appearance, the spaces that express the slip
plane and the slip direction match, and it is possible to include them in an
orthonormal coordinate system. The slip plane in the figure is displayed as

(0001)

Socodbooos

= <110>
(a) Body-centerd (b) Face-centered (c) Hexagonal close-
cubic structure (bcc) cubic structure (bcc) packed structure (hcp)

3.6 A typical slip system (the slip plane and the slip direction) in

(a) the body-centered cubic (bcc) structure, (b) the face-centered
cubic (fcc) structure, and (c) the hexagonal close-packed (hcp) crystal
structure. Generally the plane in which the atoms are closely packed
is selected as the slip plane, and the direction in which the atoms are
most closely arranged is selected as the slip direction.
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a vector of the slip plane normal direction and the slip direction is displayed
as a vector parallel to that direction. As a result, for the fcc structure,
which has the greatest packing density of atoms, the slip plane is uniquely
determined to be {111} (the plane for which <111> is the normal) and the
slip direction to be <110>; therefore, from the symmetry of the crystals, a
total of 12 combinations of slip systems exist. On the other hand, for the bcc
structure the <111> direction with the closest packed atoms is selected as the
slip direction; however, the {211} plane, etc. (other than the {110} plane,
the closest packed plane) can be selected as the slip plane. The selection of
the slip system based on the crystal structure is extremely important when
considering the strength of metallic biomaterials. This is because the degree
of difficulty of slip deformation corresponds directly to the difference in the
strength of the materials. In other words, resistance and impedance of slip
deformation lead to high strength metallic materials.

3.2.4 Dislocation motion in crystals

In the case that shear deformation of the slip plane progresses in line with
the slip direction, a relative displacement of atoms as shown in Fig. 3.7 is
expected. The shear stress necessary to carry out the (a) — (b) — (c) series
of atom movements in Fig. 3.7 once is called the theoretical strength.® This
value is estimated to be about a sixth of the shear modulus of rigidity in
metals; however, the actual stress for the slip is more than two or three digits
smaller than this. The lattice defect that was introduced to explain the reason
for this big difference is dislocation.® In other words, at the time of a plastic
deformation, the slip does not progress all at once; rather, in the process
shown in Fig. 3.7 (a) — (c), the overall slip occurs through the progress of
a partial slip equivalent to the situation in (d), in other words a ‘disarray of
atomic arrangement’ like that shown by ‘1’. The strain component due to
this slip motion of the dislocation is defined as the Burgers vector (b). The
self-energy of the dislocation is proportionate to the square of the Burgers
vector; therefore, the length of the Burgers vector has a strong effect on
the formation, dissolution, and motion of the dislocation. Dislocation can
be directly observed in a transmission electron microscope according to the
strain field of the surrounding lattice. For example, as shown in Fig. 3.8,
the dislocation can be directly observed as white lines of contrast, and the
direction of the Burgers vector can be determined by using the extinguish
conditions of the dislocation.

Dislocation is a partial rearrangement of atoms in the crystal structure
so that a large strain field occurs in the area around the dislocation. These
dislocations can be classified into three types on the basis of the relationship
of the angles of the slip direction (the direction of the Burgers vector)
and the direction in which the dislocation is arranged (the direction of
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Shear stress (1)
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Shear stress (7)
(a)

Shear stress (7)
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Shear stress (7)
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Shear stress (1)
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Shear stress (7)
(c)

Shear stress (7)
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Sip plane 0’@*0*0%+0¢6

Shear stress (1)
(d)

3.7 The relative
displacement of atoms
and the change in
external shape when
shear deformation on
the slip plane progresses
in line with the slip
direction. An extremely
high shear stress is
thought to be necessary
to carry out the series

of atom movements in
Figures (a) — (b) — (c)
all at once, and actually
the movement of the
atoms is carried out in
the order Figure (a) —
(d) — (c). Due to the
progress of a partial slip
equivalent to a ‘disarray
of atomic arrangement’
like that shown by “ 1" in
Figure (d), an overall slip
deformation occurs, which
is called a ‘dislocation.’
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3.8 The dislocation discernible after deformation in a single crystal
of a g-type Ti based alloy (the white curves). This dislocation can
be directly observed in a transmission electron microscope (TEM:
dark field image) on the basis of the strain field of the surrounding
dislocation core.

the dislocation lines): edge dislocations, screw dislocations, and mixed
dislocations. As shown in Fig. 3.9, the case in which the relationship between
the slip direction (the direction of the Burgers vector) and the dislocation
line is perpendicular is called edge dislocation (Fig. 3.9 (a)), the case in
which that relationship is parallel is called screw dislocation (Fig. 3.9 (b)),
and other cases are called mixed dislocation, in which the dislocation is
composed of both an edge dislocation component and a screw dislocation
component. For edge dislocation, the slip plane is uniquely determined from
the relationship between the dislocation lines and the Burgers vector, whereas
for screw dislocation, the motion of the identical slip plane is not inevitable.
As a result, especially for the bee structure in which the slip plane is not
uniquely selected, a dislocation motion called the ‘cross slip’, which moves
while changing the slip plane due to screw dislocation, can be observed. As
a result, the curved slip traces can be discerned on the sample surface after
deformation in the bcc structure. As an example of this, Fig. 3.10 (a) and (b)
show the condition of the sample surface after deformation of a S-type Ti
alloy single crystal newly developed for biomedical application. Wavy slip
traces can be observed and the transition of the operative slip plane arising
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3.9 A stylised diagram of the atomic arrangement showing (a) edge
dislocation and (b) screw dislocation. The relationship between

the slip direction (the Burgers vector) and the dislocation lines is
perpendicular (a) and parallel (b) respectively. If both components
occur in combination, the dislocation is called a mixed dislocation,
and the slip deformation differs depending of the respective types of
dislocation.

from the change in the loading axis (corresponding to Fig. 3.10 (a) and (b))
can be discerned, and in Fig. 3.10 (a) and (b) {101} and {211} respectively
are mainly selected as the slip plane. This means that the operative slip plane
of the dislocation transitions while adhering to the Maximum Resolved Shear
Stress Plane (MRSSP: the crystal plane in which the resolved shear stress is
loaded most efficiently with respect to the external stress loading) to some
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3.10 Slip traces on the sample surface after deformation of a single
crystal of a g-type Ti-based alloy newly developed for biomedical
application (Figure (a) and (b)) and a pure Ti single crystal (Figure
(c)). With the g-type Ti alloys that have a bcc structure, a curved slip
trace showing the cross slip events can be discerned; when the slip
plane for which the maximum resolved shear stress plane (MRSSP)
depending on the loading axis is selected, the curved slip trace of
the crystal structure (Figure (a) and (b)) can be observed, and the
dominant slip plane depending on the loading axis transitions from
the (101) plane (Figure (a)) to the (211) plane (Figure (b)). On the
other hand, in the pure Ti single crystal which has a hcp structure, a
linear slip trace in line with the (1010) prism plane (Figure (c)) can be
discerned, and this is deeply related to the dislocation core structure
based on the crystal structure.

extent.!!! This transition phenomenon of the slip plane differs greatly in
the case of fcc and hcp due to the characteristics of the crystal structure
and the dislocation core structure on the basis of the atomic arrangement.
For reference, the slip line at room temperature in a pure Ti single crystal
with the hcp structure is shown in Fig. 3.10(c). Unlike in the cases of Fig.
3.10 (b) and (c), a large number of slip lines that appear to be linear on the
trace of the {1010} prism plane can be found.

The differences in the operative slip planes depending on these crystal
structures are also strongly expressed in the Critical Resolved Shear Stress
(CRSS), which determines the strength of the materials. CRSS is the
effective stress with respect to the slip direction on the slip plane for starting
macroscopic plastic shear deformation, and in fcc structures, excluding
some exceptions, it does not depend on the loading axis orientation and is
largely constant. On the other hand, in bcc alloys, changes in the slip plane
arising from the complexity of the dislocation core structure and even crystal
orientation dependence of the CRSS frequently appear. Thus, the motion
of the dislocation that determines the strength of the materials has a close
relationship to the atomic arrangement within the crystals introduced by the
dislocation; in other words, the dislocation mode is strongly influenced by the
crystal structure of the contained constituent phase and its combinations.
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(a) Stress-induced o” (b) {332} <113}> twin (c) {107) < 111> slip
martensite (dislocation)

3.11 The stability of the bcc atomic structure depends on the
deformation mode of the g-type Ti alloys used for biomedical
applications. The deformation mode closely correlates with the
stability of the 8 phase. The major deformation mode changes along
with the stabilisation of the g phase from stress-induced martensitic
transformation (Fig. (a)) to deformation twin (Fig. (b)) and finally to
motion of dislocation (Fig. (c)).

Taking the B-type Ti alloys as an example, their deformation is closely
related to the stability of B (bcc) structures. Figure 3.11 shows the trace on
the specimen plane after deformation, and the deformation mode changes
substantially along with stabilisation of the g phase.!>"'* The motion of the
dislocation is important as the deformation mode of crystalline metallic
materials; however, the deformation is frequently borne due to this deformation
twin and martensitic transformation. Here, the deformation twin creates
a mirror relationship (180° symmetry) with respect to the specific plane
(twinning plane) with respect to the original crystals. With bcc structures
generally, the {112} plane is the twinning plane, which is displaced in the
<111> direction. With B-type Ti alloys, as the stability of the  phase of the
parent phase increases, the deformation mode changes according to stress-
induced martensitic transformation, {332} <113> deformation twin, and <111>
dislocation in this order. At the same time, the mechanical properties change
substantially corresponding to the variations in the deformation mode.

3.3 Methods for strengthening metallic
biomaterials

Strengthening of metallic materials is basically achieved by impeding the
dislocation motion.>!

3.3.1  Work hardening

Work hardening is the phenomenon in which mobile dislocation undergoes
interactions due to the pile-up dislocations introduced by plastic deformation,
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and therefore dislocation motion becomes difficult. Generally, it rises in
proportion to the square root of the dislocation density. In the case of as-
wrought Co—Cr alloys, improvement of strength through work hardening
is possible.

3.3.2 Solution hardening

Solution hardening is the phenomenon by which introduction of a heterogeneous
solute atom to a pure metal impedes the dislocation motion resulting in
hardening. In particular, hardening is promoted by differences in atomic size
and the atomic modulus of rigidity. N and C in the SUS316L stainless steel
for biomedical applications make a significant contribution to strengthening
through solution hardening, as they are interstitial atoms between the crystal
lattices; and the addition of aluminum in Ti alloys makes the same contribution
to strengthening as a substitutional element.

3.3.3 Precipitation hardening

Precipitation hardening is the phenomenon in which the dislocation motion
is impeded and the material is hardened by precipitating and dispersing an
extremely fine precipitation in the parent phase using the differences in
solubility of solute atoms at different temperatures. Hardening due to the
uniform dispersion of carbide in Co—Cr alloys and the precipitation of the
ordered phase of gold alloys fall into this category.

3.3.4 Particle dispersion hardening

Powder metallurgy (the method of hardening raw powder by subjecting it
to pressure and heat, to mold or synthesise it as a bulk material) and other
methods are used to harden the material by finely dispersing particles that
harden and stabilise at high temperatures, such as alumina (Al,05). Along
with precipitation hardening, mobile dislocation leads to hardening by cutting
particles or proceeding by an indirect route. In the case where the loop of the
dislocation surrounding the particle (the Orowan loop) is left behind, owing
to the resulting internal stress, there will be impedance of the motion of the
dislocation which continues to move, and significant hardening will occur. It
is thought that a particle distribution showing an interdistance between particles
of about the order of length for a Burgers vector is necessary for hardening.

3.3.5 Composite strengthening

Compared to precipitation hardening and particle dispersion hardening, the
volume fraction of the second phase for strengthening is larger, and this
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approach aims to strengthen by receiving the load in accordance with the
volume fraction in both the parent phase and the second phase.

3.3.6  Grain refining hardening

Deformation progresses through grain boundaries due to the multiplication of
dislocation within the adjacent crystal grains after stress concentration by the
pile-up dislocations in the original grain. Thus, the material gets harder if the
crystal grains are smaller, and the yield stress and maximum stress change in
inverse proportion to the square root of the size of the crystal grains. Grain
refining is achieved through the deformation and recrystalisation process and
severe plastic deformation process, etc., which are mentioned later.

3.4 Phase rule and phase diagram

In order to control the strength of crystalline metallic materials, it is essential
to take into consideration the properties of the slip system on the basis of
crystal structure and to have an alloying design to control the motion of
the dislocation. For this reason, not only alloys comprised of single-phase
but also alloy design comprised of a multi-phase of two or more phases is
important. In reality, most of the metallic biomaterials that are being used in
applications use the multi-phase, which allows the exclusion of pure metals
such as Ti, etc. In diploidisation, it is possible to use not only the stable
phase, but also the meta-stable phase. However, taking into consideration
the phase rule as an indicator of whether or not multiple stable phases can
coexist is extremely important when following the alloy design. Currently,
under constant pressure, the degrees of freedom f’ is expressed in terms
of C—P+1 (C: number of alloy components, P: number of stable phases).'
Using this relationship, for example, an equilibrium can be achieved up to
a maximum of four phases in ternary alloys (three components).

A diagram that describes this stable phase equilibrium (the situation in
which free energy is at a minimum) with respect to temperature, composition,
and pressure is called a phase diagram, and phase diagrams are indispensable
when determining the guidelines for alloy design.>'> As an example, Fig.
3.12 shows a stylised binary phase diagram that can be used as the guideline
when designing a Ti alloy, which is highly bio-compatible. When Ti is
replaced with the secondary element (X), the transformation temperature
for o (hep)/B (bee) fluctuates, depending on the type of element, and cases
are seen where the (o + ) duplex phase region exists in a stable state even
at room temperature.

Fig. 3.12 (a) is useful to explain how to read and use a general binary
phase diagram. The vertical axis shows the temperature (T) and the horizontal
axis corresponds to the alloy composition (concentration of X). In this case,
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3.12 Binary phase diagrams when various second elements are
added in Ti alloys. The transformation temperature for o (hcp)/s (bcc)
fluctuates depending on the type of second element (X). Figure (a)
shows the phase diagram for the o region expansion type (X = Al,
Ga, C, N, O, etc.), Fig. (b) shows the phase diagram for the  region
expansion type (X = Mo, Nb, Re, Ta, V, etc.), Fig. (c) shows the phase
diagram for the 3 eutectoid type (X = Ag, Au, Co, Cr, H, Si, Pt, W,
etc.), and Fig. (d) shows the phase diagram for the continuous solid
solution type (X = Hf, Zr).

the vertical line on the extreme left means pure Ti and the vertical line on
the extreme right means pure X element. Moving along the horizontal axis
to the right means a greater amount of the pure Ti has been replaced with
X element, and the phase state of the equilibrium condition combining the
respective compositions and temperatures is shown. In other words, the
phase state with the least amount of free energy for each temperature and
composition is reflected. This kind of phase diagram is drawn according to the
free energy—composition curve at each temperature; therefore, it is necessary
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to understand the phase diagram while taking this curve into consideration
at all times. Figure 3.12 (a) shows the three straight lines, A, B, and C, of
different alloy compositions, and it shows the change in the equilibrium
phase resulting from the decline in temperature for each of them.

A @PureTi:L(T>a) >L+B(T=a)>p(@<T<a) >a
+B(T=2a) >a(T<a [3.1]

B (Ti-X (low concentration of X) alloy): L (T >b;) - L
+BMb,<T=b)=>L+B+y(T=by) >F+y((b3<T<by)
—a+p+y(T=b3) >a+y(T<by) [3.2]

C (Ti-X (high concentration of X) alloy):
L(T>c)—>L+B8+y(T=c)—>p
+y(c<T<ec)—>a+B+y(T=cy [3.3]

As can be understood from the phase rule, the maximum number of phase
equilibriums in pure Ti is two (T = a;: L+ 3, T = a,: @ + f§); and in the binary
alloys of the B and C compositions the maximum is three phase equilibriums
(B composition (T =by): L+ B+ 7, T=Dbs: o+ S+ y; C composition (T
=c):L+B+7y, T=cy o+ B+ y), making diploidization possible due to
phases having different crystal structures and different mechanical properties.
In the case where the maximum number of equilibrium phases is reached,
the degrees of freedom under constant pressure becomes zero and it is called
an invariant reaction in which the composition and temperature required for
phase equilibrium are uniquely determined. Therefore, increasing the number
of elements when designing an alloy is an important method for increasing
the number of degrees of freedom in the case of a multiphase equilibrium.

We can also understand the equilibrium composition and even the
quantitative ratio of the equilibrium phase with the alloy phase diagram.
For example, looking at C alloy (Fig. 3.12(a)), in T = c5 the (¢ + B) two
phase equilibrium is maintained; however, the equilibrium compositions in
that case are ¢, and c, for the a-phase and y-phase, respectively, and the
quantitative ratio of the phases is expressed through the relationship of the
values of (c,~¢3)/(¢c,~¢,) and (¢c3-¢,)/(¢c,~C,), respectively. The important point
here is that even in cases where T = c3, the alloy composition changed from
C, to ¢, the compositions of the a-phase and the y-phase are constant at ¢,
and c,, respectively, and only the quantitative ratio of the a-phase and the
y-phase changes. This reflects the fact that the free energy of the o phase
and the y phase in equilibrium is minimised in the c, composition and the
¢, composition, respectively.

Using our basic knowledge about the above phase diagram, let us look at
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the Ti-based binary phase diagram. It is classified into ‘o phase stabilised
elements’, for which the addition of a second element raises the transformation
temperature of o/f and expands the o phase region; ‘B phase stabilised
elements’, for which conversely the transformation temperature is lowered,
and the 3 phase region expands; and ‘neutral elements’, which do not belong
to either of the previous categories; the respective phase diagrams have
special characteristics. In Fig. 3.12(a), it is seen that X = Al, Ga, C, N, O,
etc., and the o phase region expands as an o phase stabilised element. In
Fig. 3.12(b), X = Mo, Nb, Re, Ta, V, etc., and the B phase region expands
and in Fig. 3.12 (c) as well, the 8 phase region is expanded, and the 3 phase
undergoes a solid phase transformation to the o phase and the y phase due
to the eutectoid reaction (X = Ag, Au, Co, Cr, H, Si, Pt, W, etc.). Here, the
eutectoid reaction is one type of invalid reaction in the binary system, and it
means the resolution from one solid phase to two different solid phases due
to a decline in temperature, resulting in a three phase equilibrium. Moreover,
in Fig. 3.12(d) it is seen that X = Hf, Zr, the ¢/f transformation temperature
does not change substantially, and it behaves as a neutral element because
it becomes a continuous solid solution.

If we view the history of the development of Ti and Ti alloys as metallic
biomaterials in terms of phase equilibrium, pure Ti with an hcp structure (o
phase) has been used often; however, owing to their lack of strength Al, V,
Nb, etc. have been added to make them into (e + ) duplex alloys and thus
achieve precipitation hardening and solution hardening. Moreover, recently
B-type Ti alloys with low Young’s modulus have been gaining attention as
a way to reduce the stress shielding effect on bone tissue, and alloy design
using S-stabilised elements such as Ta, Nb, Mo, etc. with low toxicity is
being carried out.'®

In iron based alloys as well, the binary phase diagram is broadly classified
into four (order of the change of stability from the o phase to the y phase:
y loop formation type, y region contraction type, y region expansion type, y
region open type) according to the expansion and contraction of the stable
region of the o phase (ferrite: bcc) and the y phase (austenite: fcc). Cr is
a y loop formation type element, so the y region contracts; however, with
the addition of 12% or more it forms a passivated membrane as a hydrated
chrome oxyhydroxide, and this increases corrosion resistance. SUS316L
stainless steel, which is used as a metallic biomaterial, stabilises the y
phase by adding nickel (Ni), a y region expansion type element, in order
to improve toughness. In other words, Cr and Ni, elements with different
¥ phase stabilisation tendencies, are added in order to improve corrosion
resistance and improve mechanical properties at the same time. In recent
years, taking into consideration the allergenic properties of Ni, there has been
development of Ni-free stainless steel, which adds the y region expansion
type element N instead of Ni.!”
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3.5 Deformation and recovery, recrystallisation, and
grain ripening

If plastic deformation of crystalline materials is carried out at a lower
temperature than the melting point, the microstructure and the mechanical
properties change. Dislocations introduced owing to plastic deformation at
low temperatures and other lattice defects rearrange and decrease through the
processes of recovery and recrystallisation at the relatively high temperature;
at the same time, the microstructure is once refined by recrystallisation, and
subsequently the crystal grains become coarser through grain ripening achieved
with further heat treatment.'® In the recovery process, the extinguishing of the
excess point defects that occurred in the crystal (the vacancy and interstitial
atoms) and rearrangement of dislocation will not result in a change in the
structure at the micron order level; however, there will be a small decline in
strength and rise in ductility. Moreover, raising the temperature or the heat
treatment for a long time will result in recrystallisation as the driving force
reducing energy based on the extinguishment of lattice defects, especially
dislocations. At this time, the new crystal grains with a low lattice defect
density will nucleate, and the overall material will be covered with new
crystal grains with a low density of lattice defects, and at the same time
refinement will progress. During this recrystallisation process, the crystal
grains with work hardening are extinguished so a marked decline in strength
can be discerned; however, as a result of the crystal grains refinement, the
increase in strength is greater than that of the coarse crystal grains structure
before the work hardening. Moreover, if heat treatment is continued, it will
be a driving force for the decrease in the total energy of the crystal grain
boundaries, the crystal grains will ripen, and there will be a decline in
strength corresponding to the increase in the crystal grain size. In metallic
biomaterials as well, carrying out structure control through a combination
of plastic deformation and heat treatment enables mechanical properties to
be controlled so as to suit the application.

3.6 Microstructure and related mechanical
properties in typical metallic biomaterials

SUS316L stainless steel developed for biomedical application has SUS304
(Fe—18mass%Cr—-8mass%Ni), widely used as austenitic stainless steel, for
its basic composition. By adding molybdenum (Mo), corrosion resistance is
improved, and by reducing the amount of C, which has low solid solubility
range, it is possible to keep precipitation at the grain boundary of chromium
carbide (Cry3C¢) low and thus, further improve corrosion resistance.'”!8
Through solution treatment at about 1000 °C, the carbon reaches a state of
solid supersaturation, and the precipitation of the carbide is reduced. Moreover,
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because the amount of carbon itself in the solid solution is kept low, it has
relatively low strength properties, such as yield stress, etc., compared with
SUS316 stainless steel, which has a large amount of carbon.

Co—Cr alloys for biomedical application are known as ‘Vitarium’ and are
classified into those used for casting and for wrought.'*° In cast Co—Cr alloys,
various defects are introduced during the solidification so their toughness is
lower than for wrought alloys, and it is difficult to make them high strength.
Therefore, cast defects are removed using hot isostatic pressing (HIP). When
doing this, the solidification structure and crystal grain size distribution is
adjusted using the molten metal temperature and the casting mold temperature
to obtain certain mechanical properties. Meanwhile, wrought Co—Cr alloys
have outstanding ductility compared to casting alloys because the cast
defect and structure are destroyed, and the internal defects are extinguished;
however, it is difficult to form them into complex shapes. For both casting
and wrought materials, the carbide disperses during the Co-based parent
phase so strengthening can be expected; however, in wrought alloys, the
solution treatment extinguishes the carbide temporarily, plastically deforms
under the recrystallisation temperature, and introduces dislocation inside the
crystal grain. The following aging treatment (the process of changing the
microstructure of the materials by heat treatment for a long time) creates a
homogeneous dispersion of the carbide inside the parent grains; therefore,
high strength is achieved through precipitation hardening without reducing
toughness. As a result, Co—Cr alloys demonstrate high strength and abrasion
resistance even though they have a higher Young’s modulus than bone.
Therefore, Co—Cr alloys are used in many artificial hips, especially, femoral
head prosthesis.

Pure Ti and Ti alloys have a strong affinity for oxygen (O), and their
mechanical properties tend to degrade with an increase in oxygen concentration.
Furthermore, the same is true for N; therefore, these are controlled at a low
concentration level.>! Furthermore, the mechanical properties of (o + f3)
duplex alloys strongly depend on the amount of precipitation and the shape
of precipitation of the ¢ phase. In particular using hot forging in the duplex
phase region to control the o phase from the needle shape to the equiaxed
grain shape results in a decline in strength but an improvement in ductility,
enabling a balance between the two to be achieved. Moreover, for -type alloys,
the microstructure and even mechanical properties can be controlled with
heat treatment. The precipitation of the o-phase and w-phase (both of which
belong to a hexagonal crystal system) owing to heat treatment in the S-phase
unstable region causes strength to rise; at the same time, it causes ductility
to decline. Therefore, microstructural control is generally implemented so as
to bring out the optimal mechanical properties by reducing the precipitation
of the w-phase and controlling the precipitation of the a-phase.
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3.7 Development of metallic biomaterials based on
biological bone tissues

3.7.1 Anisotropic nature of bone microstructure for
optimal mechanical design

Up until the previous paragraph, the properties of metallic biomaterials and
the factors that control those properties from the perspective of metal implants
have been discussed. On the other hand, because most metallic implants are
used by being embedded in biological structures (particularly biological bone
tissues), it is necessary to develop metallic biomaterials in order to maintain
the mechanical characteristics and microstructure of bone tissue and also the
environment for bone cells. Since the consensus statement by the US National
Institutes of Health (NIH) in 2000, bone quality factors other than the traditional
indicator of bone mineral density®* have been receiving attention regarding their
governing of bone strength. In 2000, leading candidates for bone quality that
were proposed included the formation and restoration of bone microstructure
— typically the network structure of trabecular bone — and microcracks, the
state of the collagen, bone turnover, cell viability, etc.; however, there is still
not sufficient understanding of the essential bone quality control factors.

Bones possess a hierarchical structure that is precisely controlled at
various levels. Their major components, excluding water, minor proteins,
and bone cells, are basically type I collagen and biological apatite (BAp),
with a combination of these two components giving the bones their strength
and flexibility.

Of these components, BAp, as shown in Fig. 3.13, is a highly anisotropic
ionic crystal with a crystal structure similar to a hexagonal column as its basic
unit cell; therefore, the mechanical, chemical, and biological characteristics

Biological apatite

nano-crystal _\

Several 10nm

Collagen fiber Crystallographic anisotropy
-

3.13 Bone structure is mainly comprised of collagen (type I)

and biological apatite (BAp) crystal, and the c-axis of the BAp
crystallite is arranged in the running direction of the collagen.
Bone structure exhibits strongly anistropic mechanical properties
crystallographically, owing to the orientation of both of these
components.
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of bones strongly depend on the crystallographic orientation; that is, along
the a-axis and c-axis.>> Moreover, in the bone structure, the nucleation site
of the BAp crystallite seems to be inside the collagen hole zone, and it is
thought that calcification (mineralisation) progresses as a result of the epitaxial
nucleation and growth on the basis of the existence of the matrix vesicle.
Therefore, analyses of the orientation degree of the BAp crystal also reflect
collagen organisation, and orientated structure formation as BAp/collagen
composite as the bone tissue is thought to be an extremely important factor
for determining bone function.?* 23

The preferential alignment of BAp crystal in the bone structure changes
substantially depending on bone pathology and bone regeneration, even in
the case of normal bones, it changes considerably depending on various
parameters such as species of animal, bone position, maturation, etc.? Figure
3.14 shows the orientation degree of BAp c-axis (relative X-ray diffraction
intensity ratio) of various mature animal bones, analysed using the microbeam
X-ray diffraction method (uWXRD).?” In the case of non-orientation, the figure
shows a relative X-ray diffraction intensity ratio of approximately (002)/
(310) of 2, meaning that in cases with higher diffraction intensity than that,
it exhibits a preferential orientation degree of BAp crystal c-axis. In mature
bone tissue, bone mineral density does not change substantially; however,
BAp shows a uni-axial orientation structure with the c-axis arranged with the
priority on the longitudinal direction, mesiodistal direction, and craniocaudal
axis direction in the rabbit ulna, monkey mandible, and monkey lumbar
vertebra, respectively, in cortical bone sites. On the other hand, the rabbit
skull bone as a flat bone shows a two-dimensional orientation within the
bone surface. This characteristic orientation distribution is deeply related to
the in vivo stress distribution and bone growth direction normal metabolic
turnover. In particular, the orientation for which the strong ¢ axis orientation
is recognised matches the maximum load orientation.?’

The monkey mandible basically shows a BAp orientation in line with the
mesiodistal direction (the C orientation in Fig. 3.14); however, just below
the coronal portion it starts to show the maximum orientation with respect to
the mastication load orientation (the B orientation). This tendency is strong
on the buccal side which is easily exposed to the mastication load, and it
controls the BAp orientation by handling the complex local changes in the
in vivo local stress distribution due to mastication.*’

3.7.2 Improvement of mechanical functions based
on the combination of metallic biomaterials and
biological bones

The orientation of collagen/BAp inside biological bones strongly depends
on the in vivo stress distribution. In particular, the principal stress direction
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3.14 The c-axis orientation degree of BAp crystallite in mature
cortical bone analysed by the microbeam X-ray diffraction method
(uXRD). The bones show the characteristic anistropic microstructure
for each portion, and the preferential degree of orientation can be
found. In this case, when there is non-orientation, the value of 2 is
shown. This figure was redrawn from ref. 27.

and the c-axis priority orientation of the BAp match well; therefore, optimal
design of metallic implants to maintain the original bone microstructure
should be given. Generally, the homeostasis of bone microstructure is
maintained and bone remodeling progresses due to osteoblasts that form the
bone, osteoclasts that resorb the bone, and osteocytes that sense the stress
distribution within the bones. Making the direction of the grooves and pores
match the principal stress direction gives an optimal environment to the bone
cells;?® this, in particular, enables the sensing of the stress by the osteocytes
to get closer to a more normal state, resulting in formation of the appropriate
microstructure containing the BAP orientation. Broadly classified, there are
three necessary points required for future types of artificial joints: (i) surface
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design, (ii) improvement of the properties of the materials themselves, and
(iii) switching to tailor-made macro shapes. Regarding surface design, a
surface shape to maintain the bone quality surrounding the metallic implants
is extremely important, which encourages autonomic bone conductivity,
finally making fixation over a long time feasible, and as a result leading to
an improvement in the mechanical functions of metallic biomaterials and
biological bones in combination. Moreover, as has already been shown in this
chapter, controlling the properties of the materials is extremely effective. In
particular, giving future types of metallic biomaterials a composition design
and shock absorption that eliminates the difference in the elastic modulus
compared to bone is an important challenge. Moreover, it is thought that the
switch to tailor-made shapes that accurately fit the shape of medullary cavity
in the bones of individual patients, made possible by the development of
CT image construction technology, will accelerate even more in the future,
along with changes to pharmaceutical approval standards.

3.8 Summary

Metallic materials have a long history as structural materials, and currently
metallic biomaterials are expansively being understood and developed. On
the other hand it is necessary for metallic biomaterials to have properties
that can endure use in special environments; for example, it is necessary
to reduce the toxic elements in these materials so they can be used in vivo.
Moreover, structural inducibility and other interactions of metallic biomaterials
with cells and biological structures are also important. In this chapter it was
not possible to explain the issues fully due to space constraints. However,
how the mechanical properties of metallic biomaterials are controlled at the
order of atoms has been described, and also how these materials inherently
have the potential to play an extremely important role as structural materials
centered on the load support function in the future. Many current metallic
biomaterials are materials that were developed for other applications, for
example heat-resistant structural materials, etc., and have been diverted to
biomedical applications. From this perspective, developmental research
of metallic materials specifically for biomedical applications has only just
begun, and research into implant materials for use as load-bearing parts is
a field which, centered on the assigning of mechanical properties and the
maintaining of intact bone microstructure, especially orientation degree of
BAp crystal as a bone quality index, surrounding metallic implants, will
undergo major development and building of new theories in the future.
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Corrosion of metallic biomaterials

S. HIROMOTO, National Institute for Materials Science, Japan

Abstract: Corrosion of metallic biomaterials leads to a loss of their
structural integrity and surface function. Because some dissolved metal
ions cause allergic response and carcinogenesis, such dissolution must be
within acceptable levels. Moreover, corrosion accelerates the fatigue, fretting
fatigue and wear which may give rise to the deformation or the fracture of
metals. Therefore, the understanding and accurate evaluation of corrosion
behaviour are important to secure the reliability of metallic biomaterials.
Corrosion behaviour depends on the sort of metals, the design of devices
and the chemical and mechanical environment inside the body. Then, the
condition and method of corrosion tests should be decided, depending on
the sort of metals, the environment inside the body and the purpose of the
test. This chapter therefore describes the methods for corrosion testing and
their electrochemical background. Additionally, the characteristic corrosion
factors inside the living body are discussed.

Key words: metallic biomaterial, corrosion, polarization test, immersion test,
living cell environment.

4.1 Importance of corrosion

Corrosion is defined as the destructive attack of a metal by chemical or
electrochemical reaction with water, oxygen and sulphur and so on in its
environments (Revie and Uhlig, 2008). Corrosion of metals in aqueous
solutions is inevitable because metal elements, except noble metal elements,
are thermodynamically more stable in the oxide state than in the metal state,
according to their ionization tendency.

Corrosion of metallic biomaterials causes the loss of their structural
integrity and surface function. It accelerates their fatigue, fretting fatigue
and wear and, conversly, such damage accelerates the corrosion. Corrosion
processes of metallic biomaterials can cause alterations to bioenvironments,
such as change in pH, decrease of dissolved oxygen, change in chemical
components and so on. Moreover, the very small amount of released metal
ions may cause allergic response and carcinogenesis in the human body.
Because of these problems, the allowable amount of corrosion of metallic
biomaterials is much smaller than that for the structural materials of bridges,
buildings and so on. So, the corrosion process is one of the most important
mediators of the tissue response to metallic biomaterials and an understanding
and accurate evaluation of the corrosion behaviour of metallic biomaterials
are necessary.
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Titanium alloys, cobalt—chromium alloys and stainless steels are mainly
used for orthopaedic and cardiovascular implants not only because of their high
strength but also due to their high corrosion resistance owing to the passive
surface films (oxide film). Passive films of Ti, Cr and so on show very high
protectiveness against general corrosion. Noble metal alloys consisting of
Au, Ag, Pt, Pd are used for dental materials and Pt is used for the electrodes
of pace makers. Because of their low ionization tendency, the noble metals
show relatively high thermodynamic stability, i.e. high corrosion resistance.
Here, ‘high corrosion resistance’ means that the corrosion rate is sufficiently
low from the view point of the lifetime of the materials. Release of metal
ions from the passive and noble metals and alloys continues at a low level
inside the human body.

Such materials as magnesium and iron alloys might be utilised for
bioabsorbable (biodegradable) metallic biomaterials in stents, mini/micro plate
systems and so on. Since magnesium exhibits very high ionization tendency
and does not form protective film at around neutral pH, magnesium alloys
are expected to be easily corroded inside the human body. The corrosion
rate of bioabsorbable metallic materials needs to be precisely controlled,
depending on the sort of devices and the condition of the affected parts.

As mentioned, the corrosion behaviour and the expected corrosion rate of
metallic biomaterials depend on various factors in a complicated manner. The
parameters of the corrosion test should be carefully considered depending
on the purpose.

4.2 Principles of corrosion

4.2.1 Corrosion processes

Since corrosion processes are mostly electrochemical, an understanding of
electrochemistry is very important. Furthermore, a fundamental understanding
of physical metallurgy is also important because structure and composition
of metallic materials often determine corrosion behaviour (Revie and Uhlig,
2008).

On the surface of metallic materials immersed in an electrolyte, an infinite
number of atomic-size anodes and cathodes are formed as shown in Fig. 4.1.
Short-circuit current (i) flows between local anodes and cathodes. A pair
of local anodes and cathodes is called a local cell and the current flowing
between them is called local current. The place of local anodes and cathodes
changes every moment in the case of general corrosion. Moreover, the total
anodic current is equivalent to the total cathodic current. As a result, the
whole surface is uniformly attacked.

On local anodes, the dissolution (ionization) reaction of the metal M with
releasing electrons (anodic reaction) (Eq. 4.1) takes place. On local cathodes,
the reduction reaction of dissolved oxygen, water molecules or hydrogen
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4.1 Schematic illustration of the local anodes and cathodes and a
local-cell formed between them.

ions with receiving electrons (cathodic reaction) takes place. The kind of
reactant in cathodic reaction depends mainly on the pH of the electrolyte.
The cathodic reactant in acid and neutral electrolyte is generally hydrogen
ions and dissolved oxygen, respectively (Eqgs. 4.2 and 4.3).

M — M™ + ne” [4.1]
2H" +2¢” — H, [4.2]
O, + 2H,0 + 4¢- —> 40OH™ [4.3]

When a metal M is immersed in a solution of its own salt (such as iron in
iron sulphate solution), the redox reaction of Eq. 4.4 takes place as a single
electrode reaction.

M < M™ + ne” [4.4]

The free energy change (AG) of the redox reaction is expressed by Eq. 4.5
with the standard free energy change (AG®) and the activity of M"* ions and
metal M ([M"*] and [M]).

[(M"]

AG =AG® + RT In
[M]

[4.5]

where R and T are gas constant and absolute temperature, respectively. When
the redox reaction is in an equilibrium state, AG = 0. Then, the standard free
energy change is given by Eq. 4.6.

[M n+]
(M]

~AG" =RT In [4.6]

At constant temperature, —~AGY/RT becomes constant, so that [M"*]/[M]
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becomes constant. In this case [M"*]/[M] is called the equilibrium constant
(K) of the redox reaction. The standard free energy change is then expressed
as a function of the equilibrium constant (Eq. 4.7).

~AG’=RTInK [4.7]

Here, the free energy change gives the electrode potential (E) of the redox
reaction according to Eq. 4.8.

AG = - nFE [4.8]
where F is the Faraday number. According to Eq. 4.5 and Eq. 4.8, the

electrode potential of the redox reaction is given by Eq. 4.9.

_ AG" RT, [M"]
E==2F —uF ™1
_RT | IM™]

nkF [M]

=K, [4.9]
where AG® = nFE” and E° is the standard electrode potential. Equation 4.9
is called the Nernst equation and it gives the equilibrium potential of redox
reactions. The tendency of the dissolution reaction of the metals can be
estimated using the Nernst equation.

The equilibrium potential of elements in the standard state is called the
standard electrode potential, which is expressed relative to the standard
hydrogen electrode (SHE or NHE). The standard electrode potential of the
elements relevant to metallic biomaterials is summarized in Table 4.1 (Revie

Table 4.1 Value of standard electrode potential of elements relevant to
metallic biomaterials (298 K) (Revie and Uhlig, 2008; Kita and Uosaki,

1983)

Electrode reaction Standard electrode potential,
E°(V vs. NHE)

Mg < Mg? + 2e” -2.36

Al & AP + 3e” -1.66

Ti o Ti%* + 2e” -1.63

H, + 20H < 2H,0 + 2e” -0.8281

Cr e Cré* 4+ 3e” -0.744

Fe < Fe?* + 2e” -0.440

Co & Co** + 2e” -0.277

Ni & Ni%* + 2e” -0.250

H, & 2H" + 2e” +0.000

Ag © Ag* + e 0.799

Pd < Pd?* + 2e” 0.987

Pt & Pt?* + 2e” 1.188

2H,0 © O, + 4H* + 4e” 1.229

Au & AU + 3e” 1.498
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and Uhlig, 2008; Kita and Uosaki, 1983). The standard electrode potential is
equivalent to the electromotive force of elements; in other words, the tendency
of its dissolution reaction to proceed. However, the order of the standard
electrode potential of the metallic elements does not directly correspond to
that of the corrosion rate because the solubility of the metal salts is limited
and a protective film is often formed on the metal surface.

Because the redox reaction (electrochemical reaction) of a metal in its
solution involves electrons and/or hydrogen ions, the equilibrium potential
of the electrochemical reaction can be thermodynamically calculated as a
function of pH based on the Nernst equation. The potential is plotted as a
function of pH and the potential-pH diagram is often called Pourbaix diagram
(Pourbaix, 1966). This diagram is used to estimate the corrosion behaviour
of metals in aqueous solutions. For more details, please refer text books on
corrosion.

When the metal M is at the equilibrium potential discussed above, the rate
of anodic (oxidation) and cathodic (reduction) reaction is equal. When the
potential of the metal M is shifted by n (overpotential) from the equilibrium
potential, the anodic reaction is promoted and the anodic current flows
externally. The apparent anodic current at the potential shifted by 7 is given
by the Butler—Volmer equation (Eq. 4.10) as a difference between true anodic
and cathodic current.

i=1i {exp(az—?] —exp [— %}} [4.10]

where iy and o are exchange current and transfer coefficient (symmetry
factor), respectively. The exchange current is the anodic and cathodic
current at the equilibrium potential as shown in Fig. 4.2. The magnitude
of o is generally 0.3~0.7 (Sugimoto, 2009). Based on the Butler—Volmer
equation, the corrosion rate of metals is estimated by electrochemical
measurements since the magnitude of the current corresponds to the rate of
the electrochemical reactions.

In practice, the potential of the metal M immersed in electrolytes settles
at the potential at which anodic and cathodic reactions are of equal rate, but
are different processes, as shown in Fig. 4.2. This ‘mixed potential’ is called
the corrosion potential (E,,,), open-circuit potential (ocp) or rest potential.
Note that the corrosion potential is not the equilibrium potential because it
is determined by the balance between several anodic and cathodic reactions.
The rate of the anodic partial reaction at the corrosion potential in Fig. 4.2 is
called corrosion current (density) (I.,), which corresponds to the corrosion
rate.
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Current (density), i

ICOIT

(Anodic reaction)

M — M™ + ne” leorr Red — OX + ne”
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M™ + nee > M

OX + ne” — Red
(Cathodic reaction)

4.2 Schematic illustration of potential-current (density) curves in

the corrosion system of a metal. E,,, = corrosion potential, Eq =
equilibrium potential, /;,, = corrosion current (density), i, = exchange
current (density).

4.2.2 Passivity

Some metals and alloys, such as titanium alloys, cobalt—chromium alloys and
stainless steels, show very low corrosion rate in an environment in which a
very high corrosion rate would be predicted according to the low standard
electrode potential of the alloying elements. These metals and alloys are
classified in passive metals and alloys. Their very low corrosion rate is due
to the very thin but very protective oxide film (passive film) formed on the
surface. The passive alloys include Cr, Ti, Zr and so on.

When the passive metals and alloys are anodically polarized (Fig. 4.3), the
anodic current density increases with increase in overpotential (77) according
to the Butler—Volmer equation (Eq. 4.10). Anodic current density achieves a
critical passive current density (/.;), and subsequently it suddenly drops by
orders of magnitude lower to a passive current density (/). The magnitude
of passive current density represents the protectiveness of the passive film
against the general corrosion. An important point for metallic biomaterials is
that the release of metal ions equivalent to the magnitude of passive current
density takes place continuously, although the passive alloys are in a passive
state. On further increase in overpotential, the current density increases
rapidly with the initiation of pitting corrosion, transpassive dissolution, and/
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4.3 Schematic illustration of anodic polarization curve of passive
metal (Eo,r = Corrosion potential, Ey, = Passivation potential, Er =
Flade potential, Ey;; = Pitting potential, E;, = Transpassive potential,
l.rit = Critical passive current density, I,s = Passive current density).

or oxygen evolution. In pitting corrosion, the passive film is locally broken
by halogen species such as chloride ion, fluoride ion and hydrogen fluoride.
In transpassive dissolution, metal ions in the passive film are further oxidized
to polyvalent metal ions and are released in the electrolyte. Oxygen evolution
takes place with the electrolysis of water.

Titanium alloys, cobalt—chromium alloys and stainless steels in physiological
environments generally are not in an active state but are spontaneously
passivated. The passive film of stainless steels is more sensitive to chloride
ion than those of titanium alloys and cobalt—chromium alloys.

4.3 Corrosion morphology

Metals show various corrosion morphologies since their corrosion behaviour
is influenced by various factors such as microstructure and composition of
the metal and pH, temperature and concentration of dissolved oxygen of the
electrolyte. Corrosion morphology is roughly classified into general corrosion
(uniform corrosion) and local corrosion (non-uniform corrosion).
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4.3.1 General corrosion

The whole surface of the metal is uniformly corroded in general corrosion, as
shown in Fig. 4.4(a). General corrosion of the passive alloys such as titanium
alloys, cobalt—chromium alloys and stainless steels, is rarely observed in the
human body. On the other hand, for the electrolytic polishing of passive
alloys, general corrosion is promoted using aggressive electrolytes in which
the alloys are in an active state.

4.3.2 Local corrosion

Local corrosion is sub-classified into pitting corrosion, crevice corrosion,
intergranular corrosion, galvanic corrosion, selective corrosion, erosion-
corrosion and stress corrosion cracking (Fontana, 1986; Revie and Uhlig,
2008). Local corrosion forms holes on the surface of metals. Corrosion holes
may initiate cracks and accelerate the fracture of metals.

Corrosion

Noble \_JI

metal | | gss noble metal

Original surface

(a) General corrosion (e) Galvanic corrosion

Plt\ Passive film
Zl%

(b) Pitting corrosion (f) Stress corrosion cracking

Crack
Metal or non-metal Crevice \, Passive film
. [x ~d AF
Passive -— —
film <:> N }& R .
. TEA epetitive
Corrosion 2R P

N load
Tensile stress

(g) Fatigue corrosion

(c) Crevice corrosion

. Intergranule Relative motion
Corrosion

] Passive film
ﬁ( %/ A
\r

(d) Intergranular corrosion

© Wear debris
Passive film

(h) Wear/fretting corrosion

4.4 Schematic illustration of corrosion morphologies.
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Pitting corrosion

Pitting corrosion is a type of local corrosion that proceeds in a very limited
area while the greater part of the passivated surface is intact. Pitting corrosion
is identified by the shape of the pits, of which the depth is larger than the
diameter in many cases (Fig. 4.4 (b)). Pitting corrosion tends to take place on
passive alloys in the presence of halogen species such as chloride, bromide
and iodide ions and hydrogen fluoride. These halogen species attack the
defects of passive films and locally break the film. Because the magnitude
of anodic reaction inside the pits is balanced with that of the cathodic
reaction outside the pits, large amount of metal ions is dissolved inside the
pits. The sensitivity to pitting corrosion of the metal can be estimated based
on the pitting potential obtained by electrochemical measurements. It has
been reported that the austenitic stainless steels and cobalt—chromium alloys
have the possibility of pitting in unfavourable conditions in physiological
environments (Scharnweber, 1998). On the other hand, it is thought that
the possibility of pitting corrosion of titanium alloys is low. In the case of
metallic biomaterials, pitting corrosion has been observed at a screw hole
of bone plates made of a stainless steel (Williams and Williams, 2004;
Virtanen et al., 2008).

Crevice corrosion

Crevice corrosion is a type of the local corrosion that takes place inside a
metal-metal crevice and a metal-non-metal crevice (Fig. 4.4 (c)). Inside
the crevice, where the mass diffusion is restricted, dissolved oxygen and
pH decrease and chloride ions are enriched. Such change in the chemical
environment inside the crevice causes the de-passivation of the metal surface
inside the crevice. Because the rate of anodic reaction inside the crevice is
balanced with that of cathodic reaction outside the crevice, corrosion inside
the crevice proceeds intensively. In the case of metallic biomaterials, crevice
corrosion can take place on mating interfaces such as the head/stem interface
in artificial hip joints and the screw/hole interface in bone plates (Williams
and Williams, 2004; Virtanen et al., 2008).

Intergranular corrosion

Intergranular corrosion is a type of corrosion that selectively and deeply
progresses at grain boundaries while the inside of the grains remains intact
(Fig. 4.4(d)). Intergranular corrosion of stainless steels is the selective
dissolution of the chromium-depleted zone formed along the grain boundaries.
The chromium-depleted zone is formed with the precipitation of chromium
carbides at the grain boundaries by the heat treatment.
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Galvanic corrosion

When two types of metal show different corrosion potential individually and
are placed in electrical contact with each other in an electrolyte, galvanic
corrosion takes place on the metal at less noble potential, while cathodic
protection takes place on the other metal at noble potential, as shown in
Fig. 4.4(e). Some stainless steel stents are partially coated with gold as a
contrast marker for an angiographic X-ray apparatus; the standard electrode
potential of gold is higher than that of stainless steel indicated by Table 4.1.
In the dental field, the crown is made of various noble metal alloys, and it
often happens that crowns made of different sorts of alloys are used in the
neighbourhood. In the case of the coupling of Ag—Pd—Cu—Au alloy and Ag
alloy, the former alloy becomes the anode and the latter alloy becomes the
cathode (Table 4.1). In the case of artificial joints, the coupling of a titanium
alloy stem and a cobalt—chromium alloy head is often used. However, galvanic
corrosion does not always take place. When the difference in corrosion
potential between the coupled alloys is relatively small, galvanic corrosion
may not occur.

Corrosion under mechanical loading

Under mechanical loading, such as static tensile or compressive stress,
fatigue stress and wear/fretting, the surface of metallic materials is deformed
and the passive film is locally and repetitively broken, as shown in Fig.
4.4(f)—4.4(h). Thus, the bare metal surface, which can be rapidly corroded,
is exposed to the environment repetitively. Because the re-passivation of
the bare metal surface is prevented by the repetitive removal of the passive
film, local corrosion is accelerated under the mechanical loading. Corrosion
under mechanical loading thus often takes place at a stress concentration
area of metals. Because the progress of corrosion under mechanical loadings
can promote crack initiation, fatigue, fretting fatigue and fretting/wear are
accelerated, and vice versa. Metallic biomaterials are often subjected to
mechanical loadings, so corrosion under such loadings is important. Fretting
corrosion takes place on mating interfaces such as the head/stem interface
in artificial joints and the screw/hole interface in bone plates (Hallab et al.,
2004; Rodrigues et al., 2008).

4.4 Evaluation methods of corrosion behaviour

441 Electrochemical methods
Anodic polarization tests

Since the corrosion reaction is mostly electrochemical, corrosion behaviour
of metals can be evaluated with electrochemical techniques. A polarization
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test is one of the common techniques (ASTM F1089-02; ASTM F746-04;
JIS T 0302). In anodic polarization tests, the anodic reaction of the specimen
is accelerated by applying anodic overpotential and the current response is
measured. According to the various parameters obtained, such as the magnitude
of current density and pitting potential, the corrosion behaviour of the metals
can be evaluated. In practice the anodic reaction is accelerated by applying
anodic current using a potentiostat. A potentiodynamic polarization test
(linear sweep voltammetry), in which the potential of the specimen is swept
at a constant speed, is generally carried out. To obtain the response near the
steady state, the sweep rate of potential should be as slow as possible. On
the other hand, a potentiostatic polarization test is recommended to obtain
the response at a steady state because the response can reach the steady state
during the period when the potential is kept for several minutes.

Figure 4.5 shows a schematic illustration of electrochemical cell equipped
with three electrodes; a working electrode (WE, specimen), a reference
electrode (RE) and a counter electrode (CE). The potential of the working
electrode is measured against the reference electrode and the current flowing
between the working electrode and counter electrode is measured using a
potentiostat. A saturated calomel electrode (SCE) or standard silver—silver
chloride electrode (SSE) is used for a reference electrode and platinum or
carbon is used for a counter electrode. The tip of the reference electrode is

Controller
(PC)

Potentiostat

Gas CE RE| |WE

OQOO

\_ Test solution/\ Electric double layer

~_—

4.5 Schematic illustration of three-electrode electrochemical cell
(WE: Working electrode, RE: Reference electrode, CE: Counter
electrode).

© Woodhead Publishing Limited, 2010



110 Metals for biomedical devices

set close to the surface of the working electrode to minimize the /R drop
due to solution resistance.

The electrochemical cell is filled with a test solution. The test solution
should be selected depending on the environment in the body and the
purpose of the test. Saline (0.9mass% NaCl solution) is used as a simple
test solution. To simulate the pH and/or the inorganic composition of body
fluids, phosphate buffer saline (PBS), Hanks’ solution, Ringer solution or
minimum essential medium (MEM) is used. The test temperature is 310 K
of body temperature and the concentration of dissolved oxygen is controlled
by bubbling Ar, N, or O,—N, gas, depending on the relevant environment
and the purpose of the test.

Figure 4.6 shows anodic polarization curves for pure titanium, 316L
stainless steel and cobalt—chromium alloy, measured after 1 week immersion
in Hanks’ solution (Hiromoto and Hanawa, 2006b), as examples. On the curve
of 316L stainless steel, an abrupt increase in current density due to pitting
corrosion finishes the passive region. The cobalt-chromium alloy shows an
increase in current density due to transpassive dissolution following to the
passive region. Pure titanium shows a constant passive current density in
the potential region of this study. This result indicates that each metal shows
characteristic polarization behaviour.

Tafel extrapolation method

Corrosion current density, which corresponds to the corrosion rate at the
corrosion potential, can be obtained by the Tafel extrapolation method.

1072 / /
6L [/ /

1073 stainless // /' Co-Cr
steel 1 ,/ alloy
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I
|
|
|
107 i/
|
|
|
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Current density, (A cm™)
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4.6 Anodic polarization curves of pure Ti, 316L stainless steel and
cobalt-chromium alloy in Hanks’ solution.
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Sufficiently apart from the corrosion potential by £50 mV, the current density
(I) increases with the increase in overpotential, which is described by the
Tafel equation (Eq. 4.11) derived from the Butlar—Volmer equation.

n=a+blogl [4.11]

where b is the Tafel slope. As shown in Fig. 4.7, the intersection of the
straight lines on anodic and cathodic polarization curves corresponds to
the corrosion current density. Typical values of Tafel slope are 0.05~0.23
(Sugimoto, 2009). When the cathodic current is limited by diffusion of the
cathodic reactant, as shown by the dashed line in Fig. 4.7, the intersection of
the anodic Tafel line and the limiting current line corresponds to the corrosion
current density. It should be noted that the typical anodic Tafel line does
not often appear on alloys in physiological solutions because several redox
reactions take place in parallel.

Linear polarization resistance method

The polarization resistance (R,), which corresponds to corrosion resistance,
is obtained by the linear polarization resistance method. Current linearly
depends on the potential in a narrow potential region of E,,, + 10 mV, as
expressed by Eq. 4.12, called the Stern—Geary equation.

Cathodic Tafel line

Anodic Tafel line

Diffusion limiting
current

(b) leorr

Current density (log I/1)

Potential, E

4.7 Schematic illustration of the Tafel extrapolation method (E.,,, =
Corrosion potential, I, = Corrosion current density, b, = Cathodic
Tafel slope, b, = Anodic Tafel slope, Solid line = Both cathodic and
anodic Tafel line appear on the polarization curve, Dashed line = Only
anodic Tafel line appears on the polarization curve).
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-1
_ babc H _ -1 _ K
Leor: = (2.30(@1 + bc)j (1] =Kk = R, [4.12]

where b, and b, correspond to the anodic and cathodic Tafel slopes,
respectively. K is called the conversion factor, and 7/I, which is the slope of
the polarization curve around the corrosion potential (E,,,), as shown in Fig.
4.8, corresponds to the polarization resistance. When the conversion factor
is already known, the corrosion current density can be calculated based on
the polarization resistance obtained by the linear polarization. Generally, the
conversion factor is 0.02 V~0.05 V (Sugimoto, 2009).

Impedance test

The impedance test is performed by imposing an alternating potential with
a small amplitude of less than 10 mV around the corrosion potential. The
polarization resistance can be determined based on the impedance at low
frequency around 1 mHz~10 mHz. An amplitude less than 10 mV does not
disturb the corrosion system, which enables a continuous in-sifu measurement
of the impedance behaviour. The frequency is varied over a wide range,
typically from 1 mHz to 1 MHz, to obtain the frequency dependence of
impedance.

The corrosion interface of the metal under dissolution is simulated with
the simple electrical equivalent circuit shown in Fig. 4.9. When alternating
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4.8 Schematic illustration of linear polarization test (R, = Polarization
resistance, E;,,, = Corrosion potential, n = Over potential, / = Current
density).
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4.9 Equivalent electric circuit of the interface of the metal under
dissolution (Rs = Solution resistance, R, = Polarization resistance
(charge transfer resistance), Cy = Capacitance of the electric double
layer.

potential is imposed in this equivalent circuit, the value of impedance follows
Eq. 4.13.

1

. 1
wCy + ——
JOL g Ry

+ Rt i wCyqRG
1+ w’C3R% " 1+ 0’C3R:

[4.13]

S

where j, w and f are an imaginary number (j = V-1), the angular velocity (o =
27xf) and the frequency of the alternating potential, respectively. Additionally,
R, R and Cy are solution resistance, polarization resistance (charge transfer
resistance) and capacitance of the electric double layer, respectively. When
 is eliminated and Z is rearranged by dividing into a real part (Zg.) and
an imaginary part (Zy,,), Eq. 4.14 is derived from Eq. 4.13.

2 2
{ZRe - (RS + %ﬂ +Z2 = (%j [4.14]

The Z;,, — Zr. plot is called the Nyquist plot. The Zg, — Z;,, plot will show a
semi-circle, as seen in Fig. 4.10 when the impedance measurement is carried
out in a wide frequency range. The centre of this semi-circle is at [(R, +
R./2), 0] and the radius is R /2. Thus, the charge transfer resistance at the
interface, which corresponds to polarization resistance, can be obtained from
the impedance at the low frequency.

© Woodhead Publishing Limited, 2010



114 Metals for biomedical devices

8 Wrop = 1/CaiRet
>
g y
£
(o2}
©
E &
£ N
Q
o
c
©
e
[
Q
E
Rs Rct + Rsol

Impedance in real part, Zg,

4.10 Nyquist diagram obtained from Eq. 4.14.

Monitoring of corrosion potential

Long-term change of corrosion potential (open-circuit potential) reflects
a change in a corrosion system because the change in corrosion potential
depends on the change in one or both of the anodic and cathodic reactions.
For example, an increase in corrosion potential can be attributed to a decrease
in the anodic reaction with the growth of a passive film or the increase in
the cathodic reaction with an increase in dissolved oxygen. A decrease in
corrosion potential can be attributed to an increase in the anodic reaction or
a decrease in the cathodic reaction. The monitoring of corrosion potential
is therefore often carried out (ISO 16429, 2004; JIS T 6002). For the test
solution, saline, phosphate buffer saline, Ringer solution, culture medium,
serum and artificial saliva are typically used. The corrosion potential of the
specimen can be monitored against a reference electrode using an electrometer
with high input impedance (10'! Q~10'* Q) or a potentiostat.

4472 |Immersion tests

The total amount of released metal ions in test solutions is quantified by
gravimetric analysis or by solution analysis in immersion tests (dissolution
tests) (ISO 10271; BS EN 1811; JIS T 0304). When the test solution is
carefully selected, similar results to that in the human body can be obtained.
For example, the selective dissolution of alloying elements can be reproduced
in vitro. The test solution is selected from saline, phosphate buffer saline,
Ringer solution, culture medium, serum and artificial saliva. Additionally,
0.1 mol L™ lactic acid solution and 0.1 mol L' HCI solution are used for
accelerated tests. The test temperature is 310 K and the test period (immersion
period) is advisably longer than 7 d. The pH of the test solution should be
checked before and after the immersion. The concentration of dissolved metal

© Woodhead Publishing Limited, 2010



Corrosion of metallic biomaterials 115

ions is quantified using inductively coupled plasma (ICP), atomic absorption
spectrometry and so on.

4.4.3 QOther methods

The environment around the metallic biomaterial implanted in patients or
immersed in test solutions is estimated from the corrosion morphology and
the composition of corrosion products. Corrosion morphology is determined
by the observation of surface morphology using an optical microscope and a
scanning electron microscope (SEM). Corrosion products are qualified and
quantified by electron dispersion spectroscopy (EDS), X-ray photoelectron
spectroscopy (XPS) (JIS T 0306), auger electron spectroscopy (AES) and
o on.

A tarnish test is performed for metallic dental materials because change
in colour (tarnish) of the surface should be avoided for cosmetic reasons.
Dental gold alloys and silver alloys are, however, easily tarnished with a
slight amount of soluble sulphide in foods and drinks. The tarnish test is
performed by immersion in 0.1 mol L' sodium sulphide for 3 d (ISO/TR
10271; JIS T 6002). The degree of tarnish is determined by the naked eye,
comparing with the as-prepared surface.

As will be discussed in Section 4.5.4, the presence of cells on the surface of
metallic biomaterials can change the chemical and/or physical environment on
the surface. Electrochemical measurements under cell-culturing environments
have been suggested to understand the in vivo corrosion reactions (Hiromoto
et al., 2002; Lin and Bumgardmer, 2004).

When bioabsorbable metals are implanted under blood flow, their corrosion
is expected to be accelerated with the promotion of mass diffusion. Flow
cells or rotating disk electrodes have been suggested for electrochemical
measurements and immersion tests on the bioabsorbable metals to simulate
the influence of blood flow (Lévesque et al., 2008; Hiromoto et al., 2008a).
Periodical replacement of the test solution is another way to simulate the
circulation of body fluids (Yamamoto and Hiromoto, 2009).

4.5 Biological environments

The internal environment of a living body is maintained at a stable and
constant condition (homeostasis). However, local environments have large
variations in pH, concentration of dissolved oxygen, temperature and so on
(Hayashi, 1987). Additionally, body fluids circulate inside the body by blood
flow and natural convection.

Inside the living body, the implanted metals are firstly exposed to body
fluids containing inorganic ions (chloride, carbonate, phosphate, calcium
and so on), proteins, lipids and amino acids. The kind of cells that assemble
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around the implanted metal varies with time. Devices made of metallic
biomaterials have various designs and static and dynamic mechanical
loadings are applied. These various factors affect the corrosion of metallic
biomaterials in a complicated way.

4.5.1 Temperature and pH

Body temperature is kept at around 310 K (homeostasis). ISO 16428
recommends that the temperature of the test solution is kept at 310 + 1 K.
The temperature of the oral cavity varies over a wide range with eating and
drinking. Because the adsorption and chelating behaviour of proteins and
amino acids depends on the temperature (Ivarsson and Lundstrom, 1986),
the temperature of test environments containing proteins and amino acids
should be kept at 310 K.

While the pH of body fluids is kept around neutral by buffering with
phosphate, carbonate, proteins and so on (homeostasis), it decreases to about
5.2 with inflammation (Hench and Ethridge, 1975). Inside the oral cavity,
pH varies in wide range when eating and drinking, and the recovery of pH
from a low value after eating and drinking sometimes takes more than 40
min (Stephan, 1943a, p. 45, 1943b, p. 53). The decrease in pH can accelerate
the corrosion of metals by enhancing dissolution of the passive surface film
and by cathodic reaction. When the metallic biomaterials are sensitive to
chloride ions, probability of local corrosion increases with the increase in
corrosion potential due to the decrease in pH. Since the test solutions, such
as 0.9% NaCl and Ringer solutions, that ISO16428 recommends have a
nearly neutral pH value, it is recommended that the pH value during long-
term tests is recorded. On the other hand, the pH of test solution should be
decided upon, depending on the purpose of the test because the pH varies in
the body as has been described. To buffer test solutions, phosphate, carbonate
and Good’s buffer are used; however, some buffering reagents also have an
effect on the corrosion behaviour of metallic biomaterials (Hiromoto and
Mischler, 2006).

4.5.2 Concentration of dissolved oxygen

Since body fluids are neutral, cathodic reaction inside the body is probably
the reduction of dissolved oxygen (Hayashi, 1987). The corrosion potential
of metals then depends on the concentration of dissolved oxygen. The
concentration of dissolved oxygen of transcellular fluids is 1/80-1/4 of
that under ambient condition (Hayashi, 1987). Those of arterial blood and
venous blood are 5/8 and 1/40 of that under ambient condition, respectively
(Hayashi, 1987). The concentration of dissolved oxygen of the test solution
is advisably controlled, depending on that inside the body. The test solution
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shall be purged with pure oxygen or pure nitrogen to allow or prevent the
passivation of the metal surface (ISO16428).

4.5.3 Calcium and phosphate ions, proteins and amino
acids

Calcium phosphate deposits on titanium and its alloys spontaneously inside
the body, while the deposition of calcium phosphate on stainless steel is
relatively small (Sundgren et al., 1986; Espostito et al., 1999; Hiromoto
and Hanawa, 2006b). The deposited calcium phosphate layer isolates the
metal surface from the environment and may decelerate the corrosion. The
deposition of calcium phosphate possibly affects the adsorption behaviour
of proteins because calcium phosphate is a good adsorbent of proteins
(MacConnell, 1973). In the case of magnesium and its alloys, the presence
of calcium and phosphate ions in the test solution noticeably decelerates the
dissolution of metal (Yamamoto, 2009).

Proteins and amino acids are adsorbed by metal surfaces subsequent
to inorganic ions in the very initial stages of implantation. The variety of
proteins adsorbed by metal surfaces changes from low molecular-weight
proteins to relatively high molecular-weight proteins in the course of time
(Vroman effect) (Wahlgren and Arnebrant, 1991). Because these biological
molecules have carboxyl groups, amino groups and/or thiol groups, they are
adsorbed by metal surfaces or form complex compounds with metal ions.
Whether the corrosion of metallic biomaterials is accelerated or decelerated
by proteins and amino acids, depends on their adsorption and complexation
abilities. However, the influence of biological molecules on the corrosion
is not systematically understood. Because the adsorption and complexation
behaviour of proteins depend on the conformation of molecules, which
changes by temperature and pH (Ivarsson and Lundstrom, 1986), it is very
important to control the temperature and pH of test solutions at 310+1 K
and neutral, respectively.

454 Cells and extracellular matrix

Macrophages assemble around implanted materials in the initial foreign-body
reaction (inflammation) (Yoshikawa, 1993). Macrophages generate active
oxygen species which dissolve and/or weaken the passive film of titanium
alloys and stainless steels, forming oxyhydroxides of titanium, iron and
chromium in the passive films (Hanawa, 2002). It was reported that the
dissolution of pure titanium is enhanced by the presence of macrophages
(Mu et al., 2000). Corrosion of metallic biomaterials is expected to be
enhanced under the inflammatory condition. After the initial inflammation,
for a few weeks the cells of the surrounding tissues adhere to the metal
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surface, generating extracellular matrix and initiating the formation of bone
or soft tissue, depending on the part of body (Yoshikawa, 1993). The main
components of the extracellular matrix are fibrous proteins and polysaccharides
such as collagen and chondroitin sulphate. When the inflammation reaction
has subsided, the pH of body fluid around the implanted materials reverts
to neutral. The fibrous molecules form a gel which can retard the diffusion
of ions and molecules around the metal surface. Culturing fibroblasts,
which mainly generate collagen as extracellular matrix, causes an decrease
in cathodic reaction of the reduction of dissolved oxygen on stainless steel
and pure titanium, as shown in Fig. 4.11 (Hiromoto et al., 2008b). Also, the
culturing of fibroblasts causes a decrease in the pitting corrosion potential of
stainless steels (Hiromoto and Hanawa, 2006a; Tang, et al., 2006).

During long-term implantation, metallic biomaterials may be gradually
degraded and release wear debris and metal ions. These wear debris and
metal ions may induce macrophages around the materials which lead to
post-inflammation. The corrosion of metallic biomaterials is expected to be
then accelerated in the post-inflammation.

4.5.5 Circulation of body fluids

Body fluids are circulating inside the body to transport nourishment to
the cells. Blood circulates inside the blood vessel by the pumping of the
heart. The rate of blood flow varies from 0.1 to 1.0 m s™!, depending on
the diameter of blood vessel (Kaibara and Sakanishi, 1999; Sugawara and
Maeda, 2003). The circulation of body fluids enhances the diffusion of
released metal ions and corrosion products away from the metal surface, so
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a medium culturing different numbers of fibroblast L929.
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that it possibly accelerates the corrosion of metallic biomaterials. Especially
in the case of bioabsorbable metallic biomaterials such as magnesium and
iron alloys, flow rate on the surface can affect corrosion behaviour. On the
other hand, agitation of the test solution in addition to the gas purge is not
always recommended unless portions of the test solution are seen to stagnate
at certain specimen areas (ISO16428).

4.5.6 Design of devices and mechanical loadings

The design of biomedical devices often determines the corrosion morphology
of metallic biomaterials. Corrosion of metallic biomaterials is accelerated inside
crevices (crevice corrosion) and at sliding parts, with repetitive removal of
the passive film (wear/fretting corrosion). It is reported that fretting corrosion
takes place on the surface at the screw/hole contact of bone plates and at
the neck/head contact of artificial hip joints (Hallab et al., 2004; Virtanen
et al., 2008). Repetitive load with walking, or beating of the heart, which is
applied on the artificial hip joints and the bone plates or the strads of stents
and the leads of pace makers, also causes fracture of the surface film and
accelerates corrosion and crack initiation. Wear, fretting, fatigue and fretting
fatigue are accelerated by the promotion of corrosion, and vice versa.
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Fatigue failure of metallic biomaterials

M. NIINOMI, Tohoku University, Japan

Abstract: Fatigue failure is a significant problem in the usage of metallic
biomaterials. Understanding the fatigue characteristics of metallic
biomaterials is important for the long term usage of the implants made

of metallic biomaterials. Fatigue strength including fatigue strength level,
fatigue strength in vitro and in vivo, notch fatigue strength, fatigue strength
and surface modification, fatigue strength and surface hardening treatment,
fatigue strength and bioactive surface modification, improvement of fatigue
strength including fatigue strength and heat treatment, fatigue strength and
aging, fatigue strength and thermomechanical treatment, fatigue strength
and unstable phase, fatigue strength and thermochemical treatment,

fatigue crack propagation characteristics including short and long fatigue
crack propagation in air and in vitro, improvement of long fatigue crack
propagation resistance, fretting fatigue strength in air and in vitro of metallic
biomaterials, and fatigue strength of wire made of new biomedical titanium
alloy are described in this chapter.

Key words: fatigue strength, fatigue crack propagation, fretting fatigue,
surface modification, thermomechanical treatment.

5.1 Introduction

Implants that function as bones — for example, implants that are used to
replace failed hard tissue, such as artificial hip joints, artificial joints, bone
plates, and dental implants — are usually used under severe cyclic loading
conditions. Therefore, metallic materials that typically exhibit high strength,
ductility and toughness are the main candidates for the structural biomaterials
of these implants. Further, the above-mentioned implants must exhibit high
biocompatibility, high performance, and reliability for long-term use.

The reliability of implants after implantation is determined by their
fracture and wear after the critical period of infection. Nowadays, implants
are required to exhibit much greater mechanical and biological performance.
Therefore, the mechanical properties of structural biomaterials in a living
body environment such as fatigue, toughness, and wear resistance need to
be evaluated and improved considerably in order for these materials to be
applied to implants for a long-term use.

With regard to the fracture of structural biomaterials, fatigue fracture
occurs occasionally; it is considered to be a crucial problem among the
various types of fractures.

Fatigue with fretting, i.e. fretting fatigue, is a type of fatigue that can
occur between two bodies, such as between a bone plate and screw. Fatigue
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characteristics are closely related to microstructures. The microstructures in
metallic structural biomaterials change according to the processing and heat
treatment employed.

Currently, the main metallic biomaterials used in practical applications
are austenitic stainless steel, cobalt (Co)—chromium (Cr) alloys, and titanium
(Ti) and its alloys. Among them, Ti and its alloys are receiving considerable
attention for biomedical applications because of their high biocompatibility,
specific strength, and corrosion resistance (Niinomi, 2001). In particular,
low-modulus S-type titanium alloys composed of nontoxic and allergy-free
elements have been recently developed and examined (Niinomi, 2003a).
With regard to stainless steels and Co-Cr alloys, Ni-free high nitrogen
austenitic stainless steel (Kuroda er al., 2002), and nickel (Ni)- and carbon
(C)-free Co—Cr alloy (Lee et al., 2006) have also been developed recently
and examined.

Therefore, in this chapter the fatigue characteristics of the main metallic
structural biomaterials such as stainless steels, Co—Cr alloys, and Ti and its
alloys, including those that are currently in use as well as those in development
stage, are described.

5.2 Fatigue strength

5.2.1 Fatigue strength level of various metallic
biomaterials

The fatigue life of metallic biomaterials such as Ti alloys, Co alloys and
stainless steels for biomedical applications are shown in Fig. 5.1 (Niinomi,
1998): this Figure shows the fatigue limits of stainless steels, Co alloy, and
Ti and its alloys as representative metallic biomaterials in air. The fatigue
limits are scattered depending on factors such the fabrication process, surface
condition, microstructure, and fatigue condition. The fatigue limit of bovine
bone (Kim et al., 2005) is also shown in Fig. 5.1. The limit decreases in
the following order: Co alloy = Ti-6 aluminum (Al)-4 vanadium (V) =
316L stainless steel. Among the titanium alloys, the fatigue limits of (o +
B)-type Ti alloys such as Ti—6Al-4V ELI and Ti—6Al-7 niobium (Nb) are
greater than those of B-type titanium alloys such as Ti—-13Nb—13 zirconium
(Zr), Ti-15 molybdenum (Mo)-5Zr-3Al, and Ti-35.3Nb-5.1 tantalum
(Ta)-5.1Zr. The fatigue limits of B-type Ti alloys increase by aging treatment
after solution treatment; the fatigue limit of f-type titanium alloy such as
Ti—-29Nb-13Tas—4.6Zr, which is referred to as TNTZ (Kuroda et al., 1998),
has been reported to increase and become comparable to that of Ti—-6Al-4V
ELI. However, the fatigue limit of each metallic biomaterial shows a fairly
large scatter due to the above-mentioned factors. The fatigue limit of each
metallic biomaterial is higher than that of bovine bone.

© Woodhead Publishing Limited, 2010



0102 ‘penwr] Buysignd PESUPOOM ©

Alloy

CP-Ti

Ti-6Al-4V

(Cast, HIP)

(Cast, CST)
Ti-6Al-4V ELI
(Rotating bending)
Ti-6Al-7Nb
(Rotating bending)
Ti-6Al-7Nb-1Ta
(Rotating bending)
Annealed

Aged

(Rotating bending)
Cast, HIP
Ti-5AI-1.5B

Ti-13Nb-13Zr (Aged)

p<{ TMZF(Ti-12Mo-6Zr-2Fe) (Annealed, rotating bending)
Ti-15Mo-5Zr-3Al

Ti-35.3Nb-5.1Ta-7.1Zr (Annealed)

Annealed

AISI 316 LVM 30% cold rolled

Cold forged

Cast, annealed

SUS 316 L (Annealed, rotating bending)

Ti-5Al-2.5Fe

Stainless steel

Forged

Co-Cr-Mo< Cast, annealed

Cast, finer grain

Co type alloy Annealed
CO—Ni—CI’—MO{ Forged

Cold worked, aged

Minimum

Maximum
A
5(200.430 MPa

2 620.725 MPa

7

A

2| V22222271598.816 MPa

2 423.515 MPa

7| 221580.710 MPa

1 1590.610 MPa

7|

7 71580.620 MPa

A

2|

7| ©2222412.538 MPa

1 £222300.400 MPa

A

(TN [M241.276 MPa

T M 310.448 MPa

I
(I

[1689.793 MPa

[C——"""1496.896 MPa

el

S80IABP |BOIPBLIOI] JO) S|EIBIA

Bone @ 27.35 MP

0 200 400 600 800 1000
Fatigue strength at 107 cycles/MPa

5.1 Fatigue strength at 107 cycles of biomedical stainless steel, Co alloys, titanium and its alloys, and bone. Data without
designation of rotating bending are those obtained from uniaxial fatigue tests.



Fatigue failure of metallic biomaterials 125

Figures 5.2 and 5.3 (Breme and Helsen, 1998; Akahori et al., 2003) show
the relationship between the rotating bending fatigue limit and the elongation
up to fracture, and that between the fatigue strength and Young’s modulus
for various metallic biomaterials, respectively. The rotating bending fatigue
strength increases with the elongation up to fracture. The rotating bending
fatigue strength is relatively higher and the Young’s modulus is relatively
low in (e + p)-type Ti alloys. Therefore, the BF value of Ti alloys, which
is obtained by dividing the fatigue strength with Young’s modulus, is high
(=5.2).
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The BF values of materials such as 316L stainless steel, Co—Cr alloy,
Co—Ni—Cr alloy, pure Ti, and pure Nb, lie between 1.2 and 2.3 (Breme and
Helsen, 1998). This indicates that the mechanical biocompatibility of Ti
alloys is excellent in comparison with that of other metallic biomaterials.
The BF value of aged TNTZ is very high (= 9.6) (Akahori et al., 2003).

Among the Ti alloys that have received considerable attention as metallic
biomaterials, the fatigue limit of pure Ti, which is an a-type, is the lowest.
The fatigue limits of Ti—-6Al-4V and Ti—-6Al-7Nb, which are (o + f)-type
alloys, are among the highest. The fatigue limit of solutionized S-type alloy is
low; however, it increases drastically to approximate that of an (o + f)-type
alloy by aging after solutionizing due to the precipitation of the o phase.
The fatigue strength of (o + f)- and S-type Ti alloys varies considerably
with the microstructure. In (o + B)-type Ti alloys, the fatigue strengths of
an equiaxed o structure are, in general, higher than that of an acicular or
Widmanstatten ¢ structure (Niinomi, ef al., 1992).

5.2.2 Fatigue strength in vitro and in vivo

In order to estimate the fatigue strength of metallic biomaterials in a
living body environment, it is essential to evaluate it in a simulated body
environment. Figure 5.4 (Niinomi et al., 1996) compares the rotating bending
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5.4 S-N curves of Ti-6Al-4V ELI and SUS 316L in air and in Ringer’s
solution.

© Woodhead Publishing Limited, 2010



Fatigue failure of metallic biomaterials 127

fatigue strength of Ti—-6Al-4V ELI and SUS 316L stainless steel in Ringer’s
solution with those in air. The fatigue strength of Ti—-6Al-4V ELI in Ringer’s
solution is similar to that in air, while that of SUS 316L stainless steel in
Ringer’s solution is lower than that in air. Therefore, corrosion fatigue occurs
in Ringer’s solution for SUS 316 L stainless steel. The fatigue strength of
Co—Cr-Mo is also reported to decrease in Ringer’s solution, as seen in Fig.
5.5 (Kumar et al., 1985).

As shown in Fig. 5.6 (Niinomi et al., 1996), the fatigue strength of
Ti—5AI-2.5 iron (Fe) in Ringer’s solution decreases when the oxygen (O)
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content is reduced by degassing with nitrogen (N) whereas it does not
decrease without degassing. However, as shown in Fig. 5.7 (Niinomi, 2002a),
the fatigue strength of Ti-6Al1-4V ELI obtained by uni-axial fatigue tests
does not degrade in a living body environment, e.g. in the body of a living
rabbit, which is in contrast to the fatigue strength of Ti-6Al-4V ELI in air.
Therefore, there is a higher possibility of corrosion fatigue occurring under
the bending fatigue condition in Ti alloys. In other words, the passive film
formed on the surface of Ti alloys is considered to fracture more easily under
the bending condition, and corrosion fatigue may occur because it takes a
relatively longer time for a fractured passive film to recover due to the low
O content.

Figure 5.8 (Maruyama et al., 1999) compares the result of the fatigue
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test of Co—Cr alloy in a physiological body simulated fluid (PBS) with that
in air. The fatigue strength of Co—Cr alloy in PBS is lower than that in air
in the low-cycle fatigue life region, while it is similar to that in air in the
high-cycle fatigue life region.

5.2.3 Notch fatigue strength

Since implants generally have complex shapes that have stress concentration
sites such as sharp corners, it is imperative that the notch fatigue strengths
of medical Ti alloys be understood. Figures 5.9 and 5.10 (Akahori et al.,
2005a) show the S—N curves obtained from plain-fatigue and notch-fatigue
tests on TNTZ subjected to AS-CRST, CRST598k, RST673k, and AS-STCR,
STCR598k, STCR673k, and STCR723K indicating cold rolling by a reduction
ratio of 87.6% followed by solution treatment at 1063 K for 3.6 ks, and aged
at 598 K, 673 K, and 723 K, respectively for 259.2 ks after solution treatment
at 1063 K for 3.6 ks and solution treatment after cold rolling by a reduction
ratio of 87.6% aged at 598 K, 673 K, and 723 K, respectively after cold
rolling by a reduction ratio of 87.6, respectively. The stress concentration
factors (Kt = 1 + (t/p) 1/2, where t and p are the depth of the notch and
the notch root radius) for plain-fatigue and notch-fatigue tests are 1 and 6,
respectively. The notch fatigue strength is much smaller in comparison with
the plain fatigue strength. Both the plain and notch fatigue limits of STCR ;53
are the highest, where TNTZ was subjected to solutionizing (ST) and then cold
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5.9 S-N curves of TNTZ subjected to various thermo-mechanical
treatments obtained from plain fatigue tests (K; = 1) in air.
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rolling followed by aging at 723 K. In this case, relatively coarse o phases
are homogeneously precipitated, and the elongation is relatively higher at
10% (Akahori et al., 2005a). Figure 5.11 (Akahori et al., 2005a) shows the
relationships between Kt and notch factor (Kf = opf/onf where opf and onf
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are the fatigue limit and the notch fatigue limit) for TNTZ, Ti—-6Al-4V, and
SUS 316L stainless steel subjected to various thermomechanical treatments.
The Kf of TNTZ subjected to each thermomechanical treatment is less than
those of Ti—-6Al-4V and SUS 316L stainless steel for the same Kt values.
Figure 5.12 (Akahori et al., 2005a) shows the relationship between the Kt
and the notch sensitivity factor (7 = (Kf — 1)/(Kt — 1)) of TNTZ, Ti-6Al-4V,
pure Ti (CP-Ti), carbon steel (S45C), and SUS 316L stainless steel. The 7,
of TNTZ subjected to each thermomechanical treatment is found to be less
than those of the other materials.

5.2.4 Fatigue strength and surface modification

In order to improve the wear resistance of Ti alloys, surface hardening
treatments such as nitriding (Nakai et al., 2007) and oxidation (Niinomi
et al., 2002b) are applied. On the other hand, bioactive ceramic surface
modifications (Kasuga et al., 2003; Sato et al., 2007; Hanawa et al., 2001) are
applied in order to improve bone conductivity because metallic biomaterials,
even Ti and its alloys, are not bioactive. In these cases, understanding the
effects of surface modifications on the fatigue life of metallic biomaterials
is important.
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5.12 Relationships between stress concentration factor, K;, and notch
sensitivity factor, , of TNTZ, Ti-6Al-4V, CP-Ti, S35C, S45C and SUS
304 subjected to various thermo-mechanical treatments.
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Fatigue strength and surface hardening treatment

The S-N curves of titanium alloys such as Ti—-6A1-4V ELI and TNTZ
subjected to nitriding are shown in Fig. 5.13 (Akahori et al., 2008). In this
figure, TNTZgp, TNTZ|1238p> TNTZ 903np, T164 g7, Ti64 | 1238p, and Ti64553np
indicate TNTZ subjected to solution treatment and gas nitriding at 1123 K
and 1223 K, and Ti—-6Al-4V ELI subjected to solution treatment and gas
nitriding at 1123 K and 1223 K, respectively. The fatigue strengths of TNTZ
and Ti—-6A1-4V ELI are lowered by nitriding. The hard layers, TiN or Ti,N,
formed on the surface of both alloys, are brittle, leading to easy fatigue
crack initiation. The intensity of the TiN peak has been found to increase
with the nitriding temperature by XRD analysis. The Vickers hardness near
the specimen surface of nitrided Ti-6Al-4V ELI has been reported to be
greater than that of TNTZ.

The run out, which is the maximum cyclic stress that can be applied
without causing fracture after 10 cycles, of TNTZ, ;,3xp Was around 300 MPa
and it is nearly equal to that of Ti64,3np, although the tensile strength of
TNTZ123np Was around 200 MPa lower than that of Ti64,3xp. This value
was slightly lower than that of TNTZgr. The fatigue crack seems to be more
easily initiated when the brittle nitrided layer (TiN or Ti,N), is thicker as is
slightly the case with nitrided Ti—-6Al-4V ELI compared to nitrided TNTZ.
Particularly, the elastic modulus of TiN is two or more times higher than
that of the matrix (Yan et al., 2001). Thus, the TiN layer of nitrided TNTZ

800
OTNTZgr OTi64gt
ATNTZ125np E1Ti 64422510
700 ATNTZ123np O Ti 644123np
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5.13 S-N curves of TNTZ and Ti 64 subjected to solution treatment
and nitriding process.
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and Ti-6Al1-4V ELI is severely deformed under cyclic loading, wherein
localized fatigue deformation could take place. This seems to result in brittle
cracking and shortening of crack initiation life, in particular, with nitrided
Ti-6Al1-4V ELI which has a relatively high Vickers hardness and thicker
nitride- and nitrogen-rich layers. In addition, the notch factor (run out of
smooth specimen/run out of notch specimen), which indicates the notch
sensitivity, of aged TNTZ decreases with an increase in the volume fraction
of the f phase, and it is lower than that of annealed Ti—-6Al4V ELI with an
equiaxed B structure (Akahori et al., 2008). From these points of view, it
follows that by the nitriding process, the plain fatigue strength of TNTZ is
not as degraded as compared to that of Ti-6A14V ELI.

Fatigue strength and bioactive surface modification

Among the metallic biomaterials, the biocompatibility of Ti alloys is the
highest, but these alloys are not bioactive as stated previously. Therefore,
they are subjected to surface modification by bioactive ceramics in order to
further improve their biocompatibility.

There exist many processes for bioactive ceramic surface modification.
They are roughly grouped into dry process, e.g. spray method (Niinomi,
2003a), and wet processes, e.g. alkali method (Kim et al., 1997) and dip-
coating method (Niinomi, 2002a). The fatigue characteristics of metallic
biomaterials subjected to these different surface modification processes are
also significant.

For example, Fig. 5.14 (Li et al., 2004) shows the results of fatigue tests for
TNTZ coated with calcium phosphate invert-glass ceramic by the dip-coating
method. In this method, a mixture of calcium phosphate invert-glass ceramic
and distilled water is coated on the specimen by dipping the specimen into
the mixture. The specimen is then fired in order to precipitate the calcium
phosphate system ceramics. The firing temperature is above the 3 transus
temperature of TNTZ; thus the fatigue strength of TNTZ cannot be maintained
when the dip-coating method is employed. Therefore, it is necessary to
finally age the specimen in order to improve the fatigue strength. As shown
in Fig. 5.14, the fatigue strength of TNTZ coated with calcium phosphate
invert-glass-ceramic increases remarkably after aging. It is possible to inhibit
cracking or exfoliation of the calcium phosphate invert glass-ceramic layer or
cracking between the layer and the substrate by controlling the thickness of
the layer (Li, 2004; Niinomi, 2003). Figure 5.15 (Li, 2004) shows an SEM
fractograph of calcium phosphate invert glass-ceramic-coated TNTZ after
the fatigue test. Cracking or exfoliation of the layer cannot be observed on
the SEM fractograph. It should be noted that the crack initiation sites in this
case are the pits formed on the surface of the substrate by sand blasting,
which is a pretreatment applied to the surface of the substrate.
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5.14 S-N curves of as solutionized TNTZ (TNTZ), glass-ceramic
coated TNTZ (TNTZ1), and glass-ceramic coated TNTZ followed by
aging (TNTZ2).

5.15 General view of fatigue fracture surface of glass-ceramic coated
TNTZ (TNTZ1) (N = 557 862).

Figure 5.16 (Breme, 1998) shows the fatigue strength of SUS 316L
stainless steel coated with alumina (Al,03), (which is not a bioactive ceramic
but is highly biocompatible) by the plasma spray method and evaluated in
physiological saline. For comparison, the Figure also shows the fatigue
strength of SUS 316L stainless steel without alumina coating. The fatigue
strength of SUS 316L stainless steel with the alumina coating is higher than
that without because corrosion of the steel is inhibited by the dense alumina-
layer.
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5.16 S-N curves for annealed or alumina-sprayed SUS 316L stainless
steels in physiological saline solution.
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5.17 S-N-curves of Ti-6Al-7Nb and Ti-6Al-4V ELI with equiaxed «
and Widmanstatten « structures.

5.2.5 Improvement of fatigue strength
Fatigue strength and heat treatment

The S—N curves of a fairly new (o + f)-type biomedical Ti alloy, Ti-6Al-7Nb,
solutionized beyond and below the § transus temperature, respectively followed
by air cooling (AC) and aging, which yield equiaxed & and Widmanstatten ¢
structures, respectively are shown in Fig. 5.17 in comparison with those of
conventional (o + f)-type biomedical Ti alloy, Ti-6A1-4V ELI, obtained by
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heat treatments similar to those of Ti—6Al-7Nb (Akahori et al., 2000). The
fatigue strength of Ti—6AI-7Nb is nearly equal to that of Ti-6Al-4V ELI
when the microstructure is Widmanstatten . However, the fatigue strength
of Ti-6Al-7Nb is inferior to that of Ti—-6A1-4V ELI when the microstructure
is equiaxed ¢. This inferiority of the fatigue strength is supposed to be one
of the reasons why Ti—6AI-7Nb is not widely used. The fatigue strength of
Ti—6Al-7Nb with the equiaxed ¢ structure can be controlled by changing the
volume fraction of primary ¢. The fatigue strength of Ti—-6AI-7Nb increases
with the volume fraction of primary a, which leads to an increased fatigue
life of Ti—-6Al-7Nb. The fatigue strength of Ti—6AI-7Nb is still lower than
that of Ti—-6AI-4V ELI when the volume fraction of primary ¢ is relatively
greater. When a fairly high cooling rate is adopted, for example, water
quenching after solutionizing in (¢ + ) region followed by aging, the fatigue
strength of Ti-6Al-7Nb is nearly equal to that of Ti-6A1-4V ELI, as shown
in Fig. 5.18 (Akahori et al., 2000). Further advanced microstructural control
processing is expected to develop the fatigue strength of Ti—-6Al-7Nb such
that it exceeds the fatigue strength of Ti-6A1-4V ELIL

Fatigue strength and aging

In general, the fatigue strength of Ti alloys is improved by aging after
solution treatment (ST). The fatigue strength for S-type Ti alloys is drastically
improved by aging treatment after ST. Figure 5.19 (Akahori et al., 2006)
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5.18 S-N curves of Ti-6Al-7Nb and Ti-6Al-4V ELI with each
heat treatment. AC and WQ correspond to air cooling and water
quenching, respectively after solution treatment.
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5.19 S-N curves of Agt, UA723 k., PA723 < and OA;,3 ¢ obtained from
fatigue tests in air.

shows the S-N curves obtained from fatigue tests in air on TNTZ samples
subjected to ST at 1023 K (Ag;) and aging treatments at 723 K for various
durations after ST-under-aging (UA,,; ), peak-aging (PA,,; «), and over-
aging (OA,,; x); these curves were obtained from fatigue tests in air. The
fatigue limit of TNTZ increases drastically by aging treatments, and the
fatigue limit of peak-aged TNTZ is the highest. The fatigue limits of each
aged TNTZ sample is equivalent to that of Ti—-6A1-4V ELI.

Fatigue strength and thermomechanical treatment

It is possible to improve the fatigue strength of B-type Ti alloys by
thermomechanical treatment involving cold working and heat treatment.
Cold working can be performed very easily in S-type Ti alloys. Figure
5.20 (Akahori et al., 2003) shows the fatigue strength of low-modulus
TNTZ obtained after solutionizing and aging (TNTZgt aged at 598 K and
TNTZgr aged at 673 K), and severe cold rolling and aging (TNTZqR aged at
598 K and TNTZc aged at 673 K). The fatigue limits of Ti—-6Al-4V ELI
and Ti—6Al-7Nb are also shown in this figure. The fatigue limit of TNTZ
is found to reach the upper limit of the fatigue limit range of Ti—-6Al-4V
ELI by aging after severe cold rolling.
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5.20 S-N curves of TNTZcg and TNTZcr conducted with aging at 723
K for 259.2 ks with fatigue limit ranges of Ti-6Al-4V ELI and Ti-6Al-
7Nb in air. (TNTZcg = severe cold rolled TNTZ.)

Fatigue strength and unstable phase

On the application of stress, martensitic transformation occurs in steels,
which contain residual austenite in their microstructures. This phenomenon
is called stress- or strain-induced martensitic transformation; it enhances
the ductility or fracture toughness of the steels (Kobayashi and Yamamoto,
1998). Deformation-induced martensitic transformation also occurs in
titanium alloys that contain the unstable f phase in their microstructures,
and this transformation enhances the fatigue strength (Imam and Gilmore,
1983), fatigue crack propagation resistance (Niinomi et al., 1993), fracture
toughness (Niinomi et al., 1990) and ductility (Gunawarman et al., 2002) of
the Ti alloys. In general, the unstable 5 phase is retained at room temperature
by rapid cooling such as water quenching from a high temperature near the
[ transus temperature.

Figure 5.21 (Imam and Gilmore, 1983) shows the S—N curves of Ti-6A1-4V
subjected to annealing treatment and ST at 1173 K followed by water quenching.
The fatigue strength of Ti-6A1-4V when subjected to ST followed by water
quenching is higher than that when it is subjected to subsequent annealing
treatment because of the deformation-induced martensitic transformation of
the unstable S phase, which is introduced by the water quenching after the ST.
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5.21 Number of cycles to failure as a function of the applied
alternating shear strain for specimens o—f annealed, and heat treated
at 1173K followed by a water quench.

(a) as-HIP’ed (b) TCP

5.22 Scanning electron micrographs of (a) as-HIP’ed cast Ti-6Al-7Nb
and (b) HIP'ed cast Ti-6Al-7Nb subjected to TCP.

Fatigue strength and thermochemical treatment

It is well known that the microstructures of (¢ + f)-type Ti alloys are
significantly refined through the hydrogenation and dehydrogenation process,
which is also referred to as thermochemical processing (TCP), as shown
representatively in Fig. 5.22 (Akahori et al., 2002) for the case of cast Ti—
6AI1-7Nb. The size of the o phase is significantly small in cast Ti-6Al-7Nb
that has been subjected to TCP. In this case, the diameter of the o phase is
of the order of several um. The tensile strength and fatigue strengths of (¢
+ B)-type Ti alloys increase significantly after they are subjected to TCP,
as shown in Figures 5.23 (Akahori et al., 2002) and 5.24 (Niinomi et al.,
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1995), respectively, with the cases of cast Ti—-6AI-7Nb and Ti—-6A—4V for
tensile strength and Ti—-6Al-4V and Ti-6Al-2.5Fe for fatigue strength. In
general, contrary to the increasing trends exhibited in the cases of tensile
and fatigue strengths, ductility and fracture toughness tend to decrease. In
order to inhibit this decrease in ductility or fracture toughness, it is effective
to perform TCP below the B-transus temperature or to perform a post-heat
treatment where ST below the f-transus temperature is performed during
the final stage of the TCP (Akahori et al., 2002; Niinom et al., 1995). By
means of these treatments, relatively significant amounts of unstable S phase
are retained in the microstructure at room temperature. The unstable 3 phase
enhances the ductility or fracture toughness of the alloy.

5.3 Fatigue crack propagation

In order to inhibit the catastrophic failure of biomaterials, it is necessary
to understand the fatigue crack initiation and fatigue crack propagation
characteristics. The crack propagation characteristics are important for
arriving at a fail-safe design for structural materials. It is considered that
the catastrophic failure of these materials can be avoided by stopping the
crack extension during the stable crack propagation stage, even if the crack
has already been initiated.

It is important to evaluate both long and short crack (small crack) propagation
characteristics. The trends in propagation rates of long and short cracks are
not always similar.

5.3.1 Short fatigue crack propagation in air and in vitro

The relationships between the surface fatigue crack length, 2a, and the
ratio of the number of cycles to the number of cycles to failure, N/Nf, in
Ti—6AI-7Nb and Ti—-6Al-4V ELI with an equiaxed ¢ structure are shown in
Fig. 5.25 (Akahori et al., 2000). The number of cycles required for the first
observation of an initial fatigue crack by light microscope is defined as the
short fatigue crack initiation life; in this case, 2a < 50 wm (approximately).
The fraction of the fatigue crack initiation life in the total fatigue life that
is equal to the number of cycles to failure is around 5% in Ti—-6AI-7Nb
and around 20% in Ti—-6Al-4V ELI. Assuming that the short fatigue crack
initiation and propagation life is the period for the surface crack to grow a
length of five times or less than the size of the primary ¢ grain, approximately
2a < 50 um, the short fatigue crack initiation and propagation life is around
50% of the total fatigue life in Ti—-6Al-7Nb with an equiaxed o structure,
while around 70% in Ti—-6Al-4V ELI with an equiaxed ¢ structure.
Observation of fatigue crack propagation behavior reveals that the fatigue
crack in the equiaxed ¢ structure tends to initiate mainly at the primary o
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5.25 Surface crack lengths in Ti-6Al-7Nb and Ti-6Al-4V ELI with
equiaxed o structure. Maximum stresses, omay, are 890 and 1000MPa
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5.26 Crack initiation site and propagation path in Ti-6Al-7Nb with
equiaxed « structure.

grain boundaries, while the crack tends to propagate preferentially along the
B. region near the interface between the primary o and f regions, as shown
in Fig. 5.26 (Akahori et al., 2000).

On the other hand, in the Widmanstitten ¢ structure of both alloys, the
observation of the fatigue crack behavior reveals that the fatigue crack
initiates at the very early stage of the fatigue. After a few hundred cycles,
the crack initiates and grows to a length that is nearly equal to the size of the
o colony of the prior S grain and crack propagation is retarded at the colony
boundary or at the prior 8 grain boundary. However, the crack propagates
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in an unstable manner soon after passing through these boundaries, and this
ultimately results in specimen fracture. These crack behaviors are shown in
Fig. 5.27 (Akahori, 2000). The arresting period of the crack blocked in the
o colony or the prior B grain boundaries occupies more than 90% of the
total fatigue life in both alloys.

It is reported that the fatigue crack propagation rates of SUS 304 stainless
steel, which is also austenitic stainless steel, evaluated in air and in 3%
NaCl solution are clearly different in the very short fatigue crack region;
the short crack propagation rate in 3% NaCl solution is higher than that in
air, as shown in Fig. 5.28 (Nakajima et al., 1997).

5.3.2 Long fatigue crack propagation in air and in vitro

Figure 5.29 (Niinomi et al., 2000a) shows the relationship between the fatigue
crack propagation rate, da/dN, and the nominal cyclic stress intensity factor,
AK; and that between da/dN and the effective cyclic stress intensity factor,
AK, for Ti-6A1-4V ELI with Widmanstitten ¢ and equiaxed ¢ structures,
and SUS 316L stainless steel obtained in air. When da/dN is plotted against
AK, it is observed to decrease in the following order: Ti-6A1-4V ELI with the
Widmanstatten ¢ structure = SUS 316L stainless steel = Ti—-6A1-4V ELI with
the equiaxed o structure. On the other hand, when da/dN is plotted against
AK, the crack propagation rate of Ti—-6A1-4V ELI with the Widmanstatten
o structure is nearly the same as that of SUS 316L stainless steel. The crack

Prior g grain
boundary

Stress axis direction

Crack
initiation

5.27 Crack initiation site of Ti-6Al-7Nb with Widmanstatten o
structure.
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5.28 da/d N-AK relationships for small cracks in SUS 304 in air and in
3% NaCl solution.

propagation rate of Ti—-6Al-4V ELI with the equiaxed ¢ structure is the
highest. However, the differences in the crack propagation rates among these
materials become relatively smaller. In particular, the crack propagation rate
of T-6A1-4V ELI with the Widmanstitten ¢ structure approaches that of
Ti—6Al-4V ELI with the equiaxed o structure. Therefore, the crack closure
effect in Ti-6Al-4V ELI with the Widmanstitten ¢ structure is greater than
that in Ti—-6Al-4V ELI with the equiaxed « structure.

The microstructure strongly affects the crack propagation rate in o + 8
type Ti alloys. In a representative (o + B)-type Ti alloy, Ti—-6Al-4V, the long
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5.29 The fatigue crack propagation rate, da/dN, as a function of the

nominal cyclic stress intensity factor range, AK, and as a function of
the effective cyclic stress intensity factor range, AK, in the case of
variously heat-treated Ti-6Al-4V ELI and SUS 316 L.

crack propagation rate in the Widmanstitten ¢ structure is, in general, lower
than that in the equiaxed ¢ structure. The main reason for this phenomenon
is the large crack deflection in the Widmanstitten o structure (Niinomi et
al., 1992). Therefore, the crack closure behavior in the Widmanstatten o
structure is greater than that in the equiaxed ¢ structure (Niinomi et al.,
1992).

On the other hand, the short crack propagation rate in the equiaxed «
structure is, in general, lower than that in the Widmanstitten o structure
as mentioned previously. The ratio of the short fatigue crack propagation
life to the total fatigue life is fairly high. Therefore, improving resistance
against short fatigue crack propagation is very effective in improving the
total fatigue life (Akahori et al., 2000a; Niinomi, 2000b).

When da/dN is plotted against AK, the long fatigue crack propagation
rates of Ti—-6Al-4V ELI and Ti—-5AI-2.5Fe in Ringer’s solution are higher
than those in air, as shown in Fig. 5.30, but they were nearly the same in air
and Ringer’s solution when da/dN was plotted against AK.y. In this case,
it is reported that the crack closure reduces in Ringer’s solution because
the number of secondary cracks and the fatigue fracture surface in Ringer’s
solution are smaller than those in air. This suggests that the fatigue fracture
surface corrodes and dissolves in Ringer’s solution.

The short fatigue crack propagation rates of SUS 304 stainless steel evaluated
in 3% NaCl solution are higher than those in air, as already shown in Fig.
5.28 (Nakajima et al., 1997). However, the long fatigue crack propagation
rate of SUS 304 stainless steel in air is almost the same as that in 3% NaCl
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Widmanstatten « in air and in Ringer’s solution.

solution, as shown in Fig. 5.31 (Nakajima et al., 1997); however, in the
range of high stress intensity factor, the crack propagation rate in 3% NaCl
solution is slightly higher than that in air.

It has been reported that for Co—Cr alloy, the long fatigue crack propagation
rate in Ringer’s solution is higher than that in air (Hanawa et al., 2000).

5.3.3 Improvement of long fatigue crack propagation
resistance

The crack propagation resistance of Ti—-6Al-4V is also increased due to
the deformation induced transformation of the retained unstable 3 phase, as
shown in Fig. 5.32 (Niinomi et al., 1990; 1993), as well as the case of the
fatigue strength as mentioned previously. This figure shows the relationship
between the crack propagation rate (da/dN) and the effective cyclic stress
intensity factor divided by the Young’s modulus (AK/E) for rolled plates
of Ti-6Al-4V subjected to ST at 1173 K and at 1088 K, respectively,
followed by water quenching (referred to as STQ1173R and STQ1088R)
or aging treatment after water quenching (referred to as STA1173R). The
da/dN of STQ1088R in the IIb and Ilc regions is the least among all the
specimens. In the case of STQ1088R, the deformation-induced martensitic
transformation of the retained S phase occurs as shown in Fig. 5.33 (Niinomi
et al., 1990; 1993).
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5.31 da/dN-AK and AK relationships for long cracks.

In order to enhance the mechanical properties of titanium alloys by using
the deformation-induced martensitic transformation of the retained unstable
B phase, the stability of the unstable B phase is important. If the stability of
the retained B phase is considerably low, the mechanical properties may,
on the contrary, be degraded because the unstable S phase transforms into
martensite before crack initiation or propagation (Akmoulin et al., 1993).

5.4 Fretting fatigue strength in air and in vitro

When fretting and fatigue occur simultaneously, the fatigue strength of
biomedical Ti alloys decreases significantly. Such situations may occur in
cases such as bone plate and screw, and hip joint stem and bone, where two
bodies remain in contact with each other under cyclic loading conditions.
This is called fretting fatigue.

The fretting fatigue strengths of biomedical Ti alloys are affected by
various factors such as the contact pressure, stress amplitude, relative slip
distance, friction coefficient, mean stress, frequency of cyclic stress, contact
conditions, material quality, and circumstance. As an example of the effects of
these factors on fretting fatigue of biomedical Ti alloys, the effect of contact
pressure on the number of the cycles before failure for Ti-6A1-4V is shown

© Woodhead Publishing Limited, 2010



148 Metals for biomedical devices

10°
£ v
E A: STQ1173R v
- | A: STA1173R v
I |v:STQ1088R
1076 A
: ol 7
C a4 vV
L 4&‘ v
A

2
4
1}%
<

-
2
oo

T
g
’ 0

Crack propagation rate, da/dN (m/cycle)

3
g,
<

<
>

N

1 10 100
AKeff/E (x 107° m"?)

10—10

5.32 Relationships between da/dN and AK./E in solution treated
specimen and aged specimens of rolled Ti-6Al-4V plates.

(b)
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(b) deformed parts near the fracture surface formed in Ilb region in
the STQ1088R specimen.
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in Fig. 5.34 (Sumita et al., 1993), based on the results obtained from fretting
fatigue tests. At a contact pressure of approximately 20 MPa, Ti—-6Al-4V
exhibits the least fretting fatigue life. This trend has also been reported for
other Ti alloys such as Ti—4.5A1-3V-2Mo—2Fe (SP-700) (Takeda et al.,
2005), which may also be applicable in the biomedical field (Gunawarman
et al., 2005). In the case of steels, the fretting fatigue life decreases with an
increase in the contact pressure.

Figure 5.35 (Maruyama et al., 1995) shows the plain fatigue and fretting
fatigue strength of Ti—-6Al-4V in air and in a simulated body fluid (PBS (-)).
As stated above, the fretting fatigue strength of Ti—-6AI-4V is significantly
lower in comparison with its plain fatigue strength in both air and in PBS (-).
The plain fatigue strength of Ti—6Al-4V is nearly the same in air and PBS
(-). On the other hand, the fretting fatigue strength of Ti—-6AI-4V is less in
PBS (-) in the low- and high-cycle fatigue life regions, but in the medium-
cycle fatigue life region, it is greater in PBS (-) than in air. As shown in Fig.
5.36 (Niinomi et al., 2002d), in the case of TNTZ, the trend in the fretting
fatigue strength in air and in a simulated body fluid (Ringer’s solution) in the
low-cycle fatigue life region is different from that of Ti—-6Al-4V, as stated
above; the fretting fatigue strength is greater in Ringer’s solution than in air.
This is explained as being the result of the significantly higher lubrication
effect caused by Ringer’s solution.
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5.34 Relationship between the number of cycles to failure and
constant pressure of Ti-6Al-4V.
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5.36 S-N curves of TNTZr conducted with solution treatment
obtained from plain fatigue and fretting fatigue tests in air and in
Ringer’s solution.

5.5 Fatigue strength of wire

Wires composed of metallic biomaterials are useful in biomedical and
dental applications, e.g. stents, guide wire of a catheter, surgical wire, and
orthodontic wire.
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An interesting application of metallic wires is in the high-nitrogen stainless
steel wire used for the electrode of an FES (functional electrical stimulation).
From the viewpoint of allergic reactions, low-Ni stainless steel wire, that
is, high-nitrogen stainless steel wire (22.0% Cr, 10% Ni, 6.02% manganese
(Mn), 2%Mo, 0.41% N and balance Fe) is preferred to SUS 316L stainless
steel. In the case of a wire, the rotating bending fatigue strength is important.
Figure 5.37 (Iguchi, 1999) shows the relationship between the number of
rotations to failure, Nf, of electrode wires composed of SUS 316L stainless
steel, NAS604PH (Co alloy), and NAS106N (high N stainless steel), and the
distance between chucks, d, obtained from a dual-driven rotating-bending
failure method in air. The rotating—bending fatigue strength of high-N stainless
steel is the highest. Ti is expected to be a suitable material for this type of
wire.

Low-modulus S-type Ti alloys are also used for wires for stents, catheters,
and orthopedic, surgical and orthodontic equipment. The shape memory alloy
TiNi is widely used for catheters or orthodontic wires. However, TiNi contains
a large amount of Ni, which has been reported to be an allergen and is also
brittle. Therefore, Ni-free shape memory or super elastic Ti alloys with low
moduli are being developed. As orthodontic wires, B-type Ti-Mo—Zr—tin
(Sn) has been put to practical use. Very recently, low modulus S-type TNTZ
subjected to severe cold working and heat treatment has exhibited super
elastic behavior, as shown in Fig. 5.38 (Niinomi et al., 2003d). Figure 5.39
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5.37 Relationship between number of rotations of electrode materials
to failure, N, and distance between chucks, d, by a dual-driven
rotating-bending failure method in air.
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5.39 S—N curves of TNTZ (TNTZy4,4) and pure Ti, Ti-Ni and SUS316L
stainless steel wires with a diameter of 1.0 mm obtained from notch-
fatigue tests.

(Akahori, 2005b) shows the notched fatigue strength of TNTZ wire along
with those of pure Ti, TiNi, and SUS 316L stainless steel wires, all with
diameters of 1.0 mm. The notched fatigue strength of SUS 316L stainless
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steel wire is the highest in both the low and high-cycle fatigue life regions.
The notched fatigue strength of pure Ti wire is the lowest in the low-cycle
fatigue life region, and that of TNTZ wire is slightly higher than that of TiNi
wire. However, in the high-cycle fatigue life region, the notched fatigue
strengths of pure Ti, TiNi, and TNTZ wires are nearly the same. In Japan,
the official license for the application of TNTZ for orthodontic wire has
been issued very recently. Thus, TNTZ wire will be put to practical use as
orthodontic wire in the very near future.

5.6 Summary

With regard to the long-term usage of implants, the understanding and
improvement of fatigue properties of metallic biomaterials in complexed
conditions such as fretting overlapped conditions, in air, in vitro, and in
vivo are significantly important. In this chapter, these fatigue properties
have been described as possibilities. Because of the present trend toward
the development of metallic biomaterials, the descriptions of Ti alloys has
occupied a large portion of this chapter. Fatigue data on metallic biomaterials
in vivo are lacking, although they are very important from the viewpoint of
practical applications. It is desirable to report much more data of the fatigue
properties in vivo in future.
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Mechanical testing of metallic biomaterials

N. MARUYAMA, National Institute for Materials
Science, Japan

Abstract: Orthopedic implants such as artificial hip joints, bone plates and
intramedullary nails, may fail due to the cyclic load applied by periodic
motion such as walking. This chapter describes methods for fatigue and
fretting fatigue tests in a simulated body fluid to evaluate mechanical
properties of metallic materials to be used as fracture prostheses in the
orthopedics field in particular. Next, the fatigue/fretting fatigue behavior in
a simulated body fluid is discussed for 316L stainless steel, titanium-6%
aluminum-4% vanadium alloy, pure titanium for industrial use, and cobalt-
chromium-molybdenum alloy. Finally, a new method for fatigue tests using
a living cell environment is described.

Key words: metallic biomaterial, fatigue, fretting fatigue, simulated body
fluid, S—N curve, living cell environment.

6.1 Fracture of metal implants and test methods

Metallic materials are often used for implants to load-bearing parts of the
living body. Metal implants used under a static load will not fail before
reaching the end of their estimated lifetime except in special circumstances.
On the other hand, orthopedic implants such as artificial hip joints, bone plates
and intramedullary nails, may fail before reaching the end of their estimated
lifetime due to the cyclic load applied by periodic motion such as walking
(Sasada et al., 1988). The Implant Committee of the Japanese Orthopaedic
Association distributed a questionnaire survey on implant fracture to 2032
authorized organizations in 1994. A total of 950 organizations responded to
the survey, and the results were as follows:

e Interms of implant type, fracture occurred to bone-connecting materials
used for intramedullary nails, plates and screws, spinal-fixation materials,
and artificial joints, in descending order of prevalence.

e In terms of body area, fracture occurred mainly in the femoral region,
followed by spine, knee, shinbone, and hip joint.

Figure 6.1 shows a bone plate made of pure titanium (Ti) (JIS Grade 2) that
failed one year after it was implanted. Failure occurred in the screw hole of
the plate. The implant procedure involved screwing the plate to the bone, and
fretting (contact damage process arising from surface micro-slip associated
with small scale oscillatory motion of clamped structural members) occurred
between the screw head and the surface around the screw hole. Subsequently,
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6.1 Fractured bone plate after one year of implantation.
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6.2 Fractured stem after nine years of implantation. (The arrow
points to the crack.)

a crack nucleated and grew, presumably leading to failure. In the human body
environment, it is probable that the failure was also affected by corrosion.
Figure 6.2 shows a cobalt (Co)—-chromium (Cr) alloy (Vitallium) stem that
failed ten years after it was implanted. The stem failed in the center, where
fretting occurred between the stem and the fitting mounted in the stem to
prevent turning. Most of the orthopedic implants that failed were affected by
cyclic loading. However, such failure is rarely caused only by plain fatigue.
In most cases, the fatigue is accompanied by fretting, corrosion or both. It is
known that the fatigue strength of metallic materials is significantly reduced
by fretting or corrosion (Waterhouse, 1984).

Metallic materials have excellent tensile strength, fatigue strength, ductility
and toughness, and the scattering in the strength is very small compared to
ceramic or polymer materials. Thus, metallic materials are often used for
medical implants.

For example, metallic materials are used for:

e orthodontic wires and artificial tooth roots in dentistry
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e fracture prostheses such as artificial joints, bone plates and spinal fixation
in orthopedics, and
e stents, catheters and guide wires in medical management.

To ensure that the above-mentioned metal implants function properly for the
required period of time, sufficient durability must be provided to maintain
the desired performance. Thus, different tests are employed to evaluate
mechanical properties of metallic materials, because metal implants require
various properties depending on the application.

These tests include, for example:

e tensile test and twist test (torque test) for orthodontic wires and guide
wires
tensile test and abrasion test for artificial joint slip parts

e tensile test, fatigue test and fretting fatigue test for bone plates and spinal
fixation, and

e fatigue test and bend test for stents.

6.2 Living body environment

For mechanical testing of biomedical metallic materials, the living body
environment should be considered. Generally, fatigue strength and fretting
fatigue strength of metallic materials decrease in a corrosive environment.
In the living body, the salt concentration is about 1%, and the temperature
is 310K (37 °C). Oxygen (O) partial pressure in the living body is 1/4-1/5
of that in air. Between two materials or between the material and cells,
however, the dissolved oxygen concentration is lowered, which is caused
by crevice corrosion. Therefore, it takes longer to repair damaged oxide
layers in the living body than in air. The pH level that affects corrosion of
metallic materials is generally 7—7.35 in the living body. However, the level
drops to 5.2 due to inflammation or foreign body reaction when an implant
is inserted into the body (Hench and Ethridge, 1975). As mentioned above,
the living body presents metallic materials with a severe environment.
Recently, it was clarified that the active oxygen produced by immune
cells (macrophage) and organic substances in the body, such as amino acids
and proteins, accelerates corrosion of titanium materials (Mu et al., 2000).
However, in corrosion fatigue and fretting corrosion fatigue tests for metallic
biomaterials, PBS(-) (phosphate buffered saline), physiological saline, 0.9%
NaCl water solution, Hank’s balanced salt solution, Ringer’s solution and cell
culture medium are frequently used as a simulated body fluid. This chapter
describes methods for fatigue and fretting fatigue tests in a simulated body
fluid to evaluate mechanical properties of metallic materials to be used as
fracture prostheses in the orthopedics field in particular. Next, the fatigue/
fretting fatigue behavior in a simulated body fluid and in air is discussed for
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316L stainless steel, titanium-6% aluminum-4% vanadium alloy, pure titanium
for industrial use and cobalt—chromium-molybdenum alloy. Finally, a new
method for fatigue tests using a living cell environment is also described

6.3 Tensile strength of metallic materials

Tensile properties of materials can be obtained by the following method.
When a tensile specimen is loaded in a given direction until it fractures, a
curve called stress—strain (S—S) curve is obtained (Fig. 6.3). The S-S curve
is divided into elastic and plastic deformation regions, although the shape of
the curve depends on the material. In Fig. 6.3, 0—a is the elastic deformation
region where Hooke’s law holds true, that is, the stress is proportional to
the strain. The slope of this region is called Young’s modulus. For many
metallic materials, the boundary between elastic and plastic deformation
is not clearly visible in the S-S curve. The stress (Point b), where plastic
deformation is 0.2%, is called the 0.2% proof stress on the S-S curve and
this is often regarded as the yield strength. Beyond Point b, there is a region
in which macroscopic plastic deformation is observed, and the stress has a
maximum value at Point c. This stress is called the ultimate tensile strength
(UTS). Then the specimen fails at Point d. The configuration change of the
specimen before and after the tensile test can provide the elongation and the
reduction of area, which are indexes of material ductility.

Tensile properties of metallic materials are affected by the chemical
compositions and microstructures, and also depend on processing or heat-
treatment.

Stress
Q

(o)A >
Strain

6.3 Schematic diagram of a stress-strain curve.
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6.4 Fatigue and fretting fatigue of metallic
materials

The corrosion fatigue test method for metal orthopedic implants is specified in
ASTM F1801 (ASTM Standard F1801-97). In this standard, the recommended
test environments are room temperature air and 37 °C physiological saline,
and the cyclic load frequency can be accelerated up to 30Hz. However, a
test at 1Hz (similar to man’s walking speed) should be conducted when
fatigue behavior in the living body is affected by corrosion. The number of
specimens tested at each stress level should be three or more, and a stress
amplitude vs. number of cycles to failure (S-N) curve up to 10° cycles
should be obtained.

The fretting corrosion test method for metallic biomaterials is specified
in F897 (ASTM Standard F897-84). As there is no standard method for the
fretting corrosion fatigue test, the method proposed by Nakazawa and co-
workers is often used (Nakazawa et al., 1992).

6.4.1 Fatigue of metallic materials

Fatigue failure is a phenomenon caused by a cyclic load equal to or lower
than the tensile strength, as shown in Fig. 6.4. As shown in Fig. 6.5, fatigue
failure of metallic materials is caused by localized plastic deformation on
the material surface, accumulation of damage, and nucleation and growth
of a crack as the number of load cycles is increased.

Metallic materials are usually composed of many crystal grains, each of
which has its own slip planes and slip directions. The slip planes and directions
of each crystal grain are randomly distributed in the materials. Therefore,
even though the maximum stress applied to a specimen is macroscopically

Stress ratio: R = min. stress/max. stress
' Max. stress
Stress
amplitude
Stress range
\/ \ Min. stress
A4

Stress

Time

6.4 Schematic diagram of stress change with time.
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6.5 Schematic drawing of fatigue crack initiation.

within the elastic deformation region, plastically deformed grains locally
exist on the specimen’s surface. If the plastic deformation induced by applied
load disappears when the load is removed, fatigue will not occur. In practice,
however, slight plastic deformation remains in one load cycle. Thus, cyclic
load causes fatigue damage. Along with an increase in the number of load
cycles, this damage accumulates locally in a crystal grain, causing a crack.
The number of load cycles until the material fails is called fatigue life. The
fatigue life is expressed by the sum of the number of cycles until a crack
nucleates and the number until the crack grows to failure.

Fatigue life test

The fatigue test can be largely classified into fatigue life test and fatigue
crack propagation test. Fatigue life test results are usually given by cyclic
stress amplitude vs. number of cycles to failure (S—N) curves shown in Fig.
6.6. A stress amplitude below which the specimen does not fail is called
the fatigue limit or durability limit. Generally, the fatigue strength at 10’
cycles is regarded as the fatigue limit. To obtain one S—N curve, at least ten
specimens are required.

Figure 6.6 shows a schematic diagram of S—N curves for fatigue, fretting
fatigue and fretting corrosion fatigue. Generally, corrosion and fretting
decrease the fatigue strength of metallic materials (Waterhouse, 1984). In
air, the fatigue limit is 1/2—1/3 of the tensile strength (Klesnil and Lukas,
1984, pp. 4-37). This is partly because the fatigue strength is controlled
by the weakest part of the material while the tensile strength is determined
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6.6 Schematic diagram of S—-N curves for fatigue, fretting fatigue and
fretting corrosion fatigue.

by the average properties of the whole material. Generally, as the tensile
strength of materials increases, the fatigue strength increases. In materials
with very high tensile strength, however, the fatigue strength is lowered in
sensitive response to defects in the specimen. If there is a stress concentration
site such as a bone plate hole or screw, the fatigue test is conducted using
specimens with a notch with a similar stress concentration The number of
cycles to crack nucleation is significantly lower for notched specimens than
for smooth specimens.

Fatigue crack propagation test

As shown in Fig. 6.5, a fatigue crack nucleates in a direction inclined 45
degrees to the stress axis. Then, the crack propagates perpendicular to the
stress axis. Generally, the fatigue crack propagation test is conducted with a
constant stress amplitude. In this case, the fatigue crack growth rate increases
exponentially with the number of stress cycles. The experimental results are
typically summarized by a crack growth rate log (da/dN) —log (stress intensity
factor range AK) curve, as shown in Fig. 6.7. Here, the stress intensity factor
range AK is expressed by the cyclic stress range and the crack length. This
Figure shows the lower limit of AK (AK,,), below which the crack does
not propagate, the intermediate region, where log(da/dN) varies linearly
with log(AK), and the unstable fracture region, where the crack propagates
unstably and finally the specimen fractures. The stress intensity factor K, at
which the specimen unstably fractures, is called the fracture toughness Kj.
The fracture toughness is a material constant, depending on processing or
heat-treating, even though the chemical composition is the same. The linear
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6.7 Schematic diagram of crack growth rate as a function of the
stress intensity factor range.

relationship (Eq. 6.1) in the intermediate region was given by Paris (Klesnil
and Lukas, 1984) and holds true for most metallic materials:

da/dN = CAK™, [6.1]

where C and m are material constants. The value of m which is experimentally
obtained is between 2 and 4 for metallic materials.

A typical fracture surface of metallic materials caused by fatigue exhibits
striations that show crack extension induced by cyclic stress. An example
of striations in SUS 316L stainless steel is shown in Fig. 6.8. The distance
between striations shows the distance that the crack grows during each stress
cycle. Striations appear at a right angle to the crack propagation direction.
Thus, for fatigue-failed materials, the cyclic stress applied to the material
can be analyzed based on the orientation of the striations and the distance
between them.

6.4.2 Fretting fatigue of metallic materials

Fretting means a contact damage process arising from surface micro-slip
associated with small scale oscillatory motion of clamped structural members.
The contact surfaces are worn and, at the same time, they are affected by
cyclic friction stress. Fatigue with fretting is called fretting fatigue. Mechanical
factors affecting the fretting properties include coefficient of friction, pressing

© Woodhead Publishing Limited, 2010



Mechanical testing of metallic biomaterials 165

Fatigue

Crack growth rate, log (da/dn)

Frictional stress

Crack length, log (a)

6.9 Schematic diagram of the relationship between crack growth rate
and crack length in fretting fatigue test.

force, and amount of relative slip. In fretting fatigue, cyclic stress, which is
the sum of cyclic applied stress and cyclic friction stress caused by fretting, is
applied to the material. The friction stress is maximum on the contact surface
of the material and decreases drastically toward the inside of the material.
Therefore, fretting fatigue crack growth behavior differs significantly from
fatigue crack growth behavior shown in Fig. 6.7. In fretting fatigue, the growth
rate of a crack near the contact surface decreases drastically with increasing
crack length, as shown in Fig. 6.9. Then, after showing a minimum value, it
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is in accord with the plain fatigue crack growth rate. As shown in Fig. 6.6,
the fretting fatigue strength is often half or less of the plain fatigue strength
and it will not become higher even if the tensile strength of the material is
increased (Waterhouse, 1984).

Fretting fatigue life is shorter than plain fatigue life. In fretting fatigue, a
crack easily nucleates due to friction stress even at a small stress amplitude
at which plain fatigue failure may not occur, and the crack grows, leading to
material failure. In orthopedic implants, fretting occurs where two materials
come into contact with each other; such as in bone plates or screws.

6.5 Effect of corrosion on fatigue and fretting
fatigue

The fatigue strength of metallic materials in a corrosive environment varies
with the effect of the corrosion on the nucleation and propagation of a fatigue
crack. The effect of corrosion on crack nucleation is limited to the vicinity
of the material surface. If crack nucleation is stimulated by the corrosion, in
general, the crack growth rate is also increased by the corrosion.

Corrosion of metallic materials is largely classified into uniform corrosion
and local corrosion by surface appearance. Fatigue failure of metallic materials
is affected by whether or not local corrosion occurs. However, the surface
of metallic biomaterials is always covered with dense oxide layers (passive
films), which play a role as corrosion prevention films. Therefore, the plain
fatigue strength is not so different between that in air and that in a simulated
body fluid.

In fretting fatigue, the surface oxide layers are damaged by fretting. As
a result, the newly exposed surface is largely affected by corrosion and the
fretting fatigue strength is significantly lowered. However, when wear caused
by fretting is heavy, cracks induced by fretting corrosion are grounded.
Therefore, in some cases the effect of fretting corrosion on crack nucleation
may be relatively small.

6.6 Corrosion fatigue and fretting corrosion fatigue
tests in a simulated body environment

A schematic diagram of the fretting fatigue test in a simulated body fluid
is shown in Fig. 6.10 (Yamamoto et al., 1995). In the test, the pads that
cause fretting are attached to the parallel part of the specimen. Therefore,
it is necessary to provide the specimen with a parallel part for attaching the
fretting pads (although various types of specimens are used in the fretting
fatigue test, such as a round bar smooth specimen, an hourglass specimen,
a notched specimen or a plate specimen). If a cyclic load is applied to the
specimen with the bridge-shaped pad pressed on either side of the parallel
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6.10 Schematic diagram of fretting fatigue test in PBS(-).

part of the specimen by a given force, relative slip is caused on the contact
surface between the specimen and the pad by the expansion and contraction
of the specimen, which causes fretting. The frictional force between the
pad and the specimen can be measured, based on the output from a strain
gage affixed inside the center of the pad. Here, it is necessary to obtain a
calibration curve of the load applied to the pad and the strain in advance.
If the frictional force amplitude is f, the pressing force p and the coefficient
of friction u, then u can be defined in the following equation:

u=fip. [6.2]

The relative slip distance between the specimen and the pad, S, is measured
experimentally. In addition, as the pad can be considered a rigid body, it
can be expressed as follows:

S,= o0, L/I(2E), [6.3]

where o, is stress amplitude, E is Young’s modulus, and L is the span of
the pad.

The fretting fatigue life depends on the contact pressure of the pad.

From a mechanical viewpoint, cyclic shear stress on the specimen surface
is a major factor that nucleates fretting fatigue cracks. Cyclic shear stress
arises from the frictional force induced by the oscillatory motion of the pad.
The maximum cyclic stress amplitude, o}, at the edge of the fretted area on
the specimen surface is calculated as follows:

o= o, + 2f, [6.4]

where o, is plain fatigue stress amplitude, and f,, is friction stress amplitude.
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The region affected by fretting is limited to the shallow surface layers. Thus,
fretting fatigue strength is almost equal to the fatigue strength of a specimen
with short cracks (Nishioka and Hirakawa, 1969).

Generally, as the contact pressure of the pad increases, the frictional force
increases and the fretting fatigue life decreases. In the low contact pressure
region, however, the fretting fatigue life may show the minimum value in
some cases (Maruyama et al., 1990). Figure 6.11 shows the relationship
between the contact pressure and the fretting fatigue life for a Ti-6 aluminum
(Al)-4 vanadium (V) alloy when the applied stress amplitude is constant.
This is because the contacting behavior of the area between the pad and the
specimen differs depending on the contact pressure. Generally, if the contact
pressure is high, the whole contact area will be the stick region. In this
case, the highest stress concentration is obtained at the edge of the contact
area, where a crack nucleates. If the contact pressure is low, however, the
contact area is divided into a stick region to receive the contact pressure and
two slip regions where wear is caused on both sides of the stick region, as
shown in Fig. 6.12 (Nakazawa et al., 1992). In fretting fatigue, the highest
stress concentration is obtained at the boundary between the stick region
and the slip region, where a crack nucleates. The behavior of the contact
area changes with an increase in number of stress cycles. As the number
of cycles is increased, the area of the stick region becomes smaller than
the initial contact area, and thus the net contact pressure rises, although the
pressing force is constant. Then, the friction stress increases with the contact
pressure and the fatigue life decreases. In the orthopedic field, this contact
pressure is, empirically, 20-50MPa.

The following are important points to keep in mind concerning fatigue
and fretting fatigue tests in the living body environment:

107 - !
= Ti-6AI-4V alloy
9-; Stress amplitude 150 MPa
:S__E
S1081
1]
[
)
3
—0
10° 1 1 1 1 1 1 1 1 1

0 20 40 60 80 100 120 140 160
Contact pressure (MPa)

6.11 Effect of contact pressure on fretting fatigue life in air for
Ti-6Al-4V alloy (Maruyama et al., 1990, by courtesy of The Iron and
Steel Institute of Japan).
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6.12 Schematic drawing of fretting damage on the contact area
(Maruyama et al., 1995, by courtesy of the Japanese Society for
Biomaterials).

As fatigue is a phenomenon that depends on time, it is necessary to
pay close attention to the frequency of cyclic stress. A frequency of
approximately 1Hz, which corresponds to man’s walking speed, must
be used for fatigue and fretting fatigue tests. Figure 6.13 shows the
relationship between the number of cycles to failure and the frequency
of the cyclic stress for Ti—-6Al-4V alloy and pure titanium for industrial
use, which are typical metallic biomaterials (Maruyama, 2000). Fatigue
properties of titanium alloys depend on the frequency in air and the
number of cycles to failure is lowered when the frequency is reduced.
In many cases, phosphate buffered saline PBS(-), 0.9% NaCl aqueous
solution, Hank’s balanced salt solution, Ringer’s solution and cell culture
medium are used as simulated body fluids. These solutions do not
contain cells producing active oxygen such as macrophage. Moreover,
oxygen partial pressure in the living body is one quarter to one fifth of
that in air. Therefore, repairing oxide layers damaged by fretting takes
more time in a simulated body fluid than in air. The pH level, affecting
corrosion of metallic materials, differs depending on the region of the
human body and the presence of inflammation. Therefore, it is important
to be aware that in the living body there are different factors from those
in a simulated body fluid.

In a fretting fatigue test in a simulated body fluid, it is necessary to use
a pad and a pad-pressing bar made of the same material as that of the
specimen, as in the case of an actual device, to prevent corrosion (galvanic
corrosion) caused by the contact of different metallic materials.
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6.13 Influence of frequency of cycles to failure in fatigue tests
(Maruyama et al., 2000, by courtesy of the Japanese Society for
Biomaterials).

6.7 Results of fatigue and fretting fatigue tests on
metallic biomaterials

The following describes the S—N curve characteristics for fatigue and fretting
fatigue, in air and in a simulated body fluid, of typical metallic biomaterials
such as 316L stainless steel, Ti-6Al-4V alloy, pure titanium for industrial
use and cobalt (Co)-chromium (Cr) alloy. Here, the test conditions are as
follows: The stress ratio (ratio of the minimum stress to the maximum stress
in cyclic loading) is 0.1, the cyclic stress waveform is sinusoidal, and the
frequency of the cyclic stress is 20Hz in air and 2Hz in a simulated body
fluid. The pad span is 20mm, and the contact pressure between the specimen
and the pad is 30MPa. PBS(-) is used as a simulated body fluid. The amount
of the fluid is 160mL, dissolved oxygen concentration is 4%, temperature
is 310K and pH is 7.5. The components of the PBS(-) are 8000mg/L NacCl,
1150mg/L Na,HPO, and 200 mg/L. KH,POj,.
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6.7.1 316L stainless steel

The S—N curve for a JIS 316L stainless steel (iron (Fe)-0.019% carbon (C)-0
0.48% silicon (Si)—1.18% manganese (Mn)—0.038% phosphorus (P)-0.013%
sulfur (S)-12.10% nickel (Ni)-16.72% Cr-2.05% Mo, 0.2% Proof Stress:
328MPa, UTS: 602MPa) is shown in Fig. 6.14 (Nakazawa et al., 1999). The
fatigue strength at 107 cycles is approximately 205MPa in air and 200MPa
in PBS(-). In the high stress amplitude region, the fretting fatigue strength
is almost the same in air and in PBS(-). In the low stress amplitude region,
however, it is lower in PBS(-) than in air. The fretting fatigue strength at
107 cycles is approximately 140MPa in air, and 110MPa in PBS(-). Thus, it
is lowered to about two thirds to half of the plain fatigue strength.

6.7.2 Ti—-6Al-4V alloy

The S—N curve for a Ti—-6A1-4V alloy solution treated and aged (Ti—-6.15%
Al-4.19% C-0.200% Fe—0.143%-oxygen (0)-0.006% nitrogen (N)-0.005%
C, 0.2% Proof Stress: 974MPa, UTS:1010MPa) is shown in Fig. 6.15
(Maruyama et al., 1995). The fatigue strength at 107 cycles is approximately
300MPa, both in air and in PBS(-). The fretting fatigue strength is higher in
PBS(-) than in air in the intermediate stress amplitude region. In the high and
low stress amplitude regions, however, it tends to be lower in PBS(-) than
in air. The fretting fatigue strength at 107 cycles is approximately 120MPa
in air, and 100MPa in PBS(-). Thus, it is lowered to about one third of the
plain fatigue strength.
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6.74 S-N curves of 316L stainless steel in air and in PBS(-) (F =
fatigue and FF = fretting fatigue) (Nakazawa et al., 1999, by courtesy
of The Japan Institute of Metals).
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6.15 S-N curves of Ti-6Al-4V alloy in air and in PBS(-) (F = fatigue
and FF = fretting fatigue) (Yamamoto et al., 1995, by courtesy of The
Japan Institute of Metals).
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6.16 S-N curves of CP Ti (JIS grade 3) in air and in PBS(-) (F = fatigue
and FF = fretting fatigue) (Maruyama et al., 2000, by courtesy of the
Japanese Society for Biomaterials).

6.7.3 Pure titanium for industrial use

The S-N curve for pure titanium for industrial use, JIS Grade 3 (Ti-0.123%
Fe-0.144% 0-0.004% N, 0.2% Proof Stress: 416MPa, UTS: 538MPa) is
shown in Fig. 6.16 (Maruyama et al., 1995). The fatigue strength for 10’
cycles is approximately 150MPa in air and 140MPa in PBS(-). The fretting

© Woodhead Publishing Limited, 2010



Mechanical testing of metallic biomaterials 173

fatigue strength for 107 cycles is approximately 100MPa in air and 85MPa
in PBS(-). Therefore, it is lowered to about one third to a half of the plain
fatigue strength.

6.7.4 Co—Cr alloy

The S—-N curve for a forged Ni-free Co—Cr alloy (64.81% C0-28.99%
Cr-5.93% Mo0-0.02% Ni-0.03% Fe, 0.2% Proof Stress: 432MPa, UTS:
956MPa) is shown in Fig. 6.17 (Maruyama et al., 1999). The asterisk “*’
in the drawing means that in the fretting fatigue test, failure occurred in the
parallel part of the specimen, not in the fretting part. For the fatigue strength
in air, no fatigue limit is obtained at 107 cycles, and at around 107 cycles it
drops significantly. The fatigue strength at 107 cycles in air is approx imately
240MPa and it is lower by 20-30MPa in PBS(-) than in air in the low-cycle
region. The fatigue strength at 107 cycles in PBS(-) is the same as that in
air. The fretting fatigue strength both in air and in PBS(-) is lower by about
30MPa than the fatigue strength. The fretting fatigue strength both in air and
in PBS(-) exhibits no difference, remaining at approximately 210MPa.
Figure 6.18 shows the relationship between the tensile strength and the
fatigue strength/fretting fatigue strength of metallic biomaterials at 10’
cycles in air at room temperature and in a simulated body fluid (Maruyama
et al., 2000; 1995; 1999; Nakazawa et al., 1999). For all of the biomaterials
tested, the fatigue strength at 107 cycles is similar in air and in a simulated
body fluid. The fatigue strength is closely correlated to the tensile strength:
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6.17 S-N curves of Co-Cr alloy in air and in PBS(-) (F = fatigue and
FF = fretting fatigue). (Maruyama et al., 1999, by courtesy of the
Japanese Society for Biomaterials).
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6.18 Relationship between tensile strength and fatigue strength/
fretting fatigue strength at 107 cycles in air and PBS(-) for various
alloys.

As the tensile strength is higher, the fatigue strength is higher. However, a
correlation is not observed between the fretting fatigue strength at 107 cycles
and the fatigue strength or the tensile strength.

For example, if the plain fatigue strength and the fretting fatigue strength
are compared for a Ti-6Al-4V alloy and a Co—Cr alloy with the same
tensile strength, approximately 1000MPa, the fretting fatigue strength of the
Ti-6Al-4V alloy at 107 cycles is lower by half than the fatigue strength.
However, the fretting fatigue strength of the Co—Cr alloy at 107 cycles is
the same as the fatigue strength. This is because the contacting behavior
of the area between the pad and the specimen differs from that of the Ti—
6V—4Al alloy. On the contact area of the Ti—-6Al-4V alloy in PBS(-), wear
is relatively small and a crack caused by fretting fatigue grows to failure
without being grounded. On the contact area of the Co—Cr alloy in PBS(-),
however, significant wear is produced, as shown in Fig. 6.19. Therefore, a
crack caused by fretting fatigue is grounded and it is difficult for the crack
to propagate. As a result, the fretting fatigue strength is similar to the plain
fatigue strength.

Therefore, for orthopedic implants with fretting parts, failure can be
prevented by a design that considers the fretting fatigue strength of metallic
materials to be used in a simulated body fluid, not by a design based on the
required durable years or the fatigue strength. Another method for improving
the fretting fatigue characteristics is to provide compressive residual stress
by shot-peening treatment.
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6.19 Cross-sectional profiles on fretted surface for Co-Cr alloy
(Maruyama et al., 1999, by courtesy of the Japanese Society for
Biomaterials).

6.8 New fatigue tests for metallic biomaterials

The living body contains a large amount of amino acids and proteins. The
materials implanted in the body are forced into contact with various cells and
textures such as macrophage immune cells. Conventional corrosion fatigue
tests for biomaterials have used a simulated body fluid such as normal saline,
phosphate buffered saline, etc. Today, however, it is known that macrophage
produces the active oxygen that accelerates corrosion of metallic materials
through foreign body reaction immediately after insertion of the device, and
the environment is more severe than in the conventional simulated body fluids
of the ASTM standard (ASTM Standard, F1801-97). Actually, Hayashi and
co-workers reported that for a cold-worked SUS316 stainless steel, the fatigue
strength (maximum stress) at 5 X 10° cycles in air, in normal saline and in
horse blood serum was approximately 850MPa and the fatigue strength of an
implant in a rabbit shinbone at 5 x 10° cycles was approximately 700MPa,
which is about 150MPa lower (Hayashi et al., 1985).

Maruyama and co-workers developed a system for fatigue tests in a living
cell environment similar to that of the living body, instead of the conventional
simulated body fluids (Maruyama et al., 2006).” As shown in Fig. 6.20, a specimen
with cells attached on the surface is inserted into a cell culture chamber kept
at 310K and fatigue properties are measured over a long period by conducting
cell culture through the circulation of a culture fluid bubbled by an oxygen
and carbon dioxide gas mixture. The S—-N curve of a SUS316L stainless steel
in a macrophage culture environment obtained by this system is shown in Fig.
6.21. As shown in Figures 6.14 and 6.21, the fatigue strength of the SUS316L
stainless steel does not change in air, in PBS(-) or in an osteoblast cell L929
culture environment. However, the fatigue strength in a macrophage culture
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6.20 Schematic diagram of cell culture system for fatigue test.
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6.21 S-N curves under the various types of environment for 316L
stainless steel.

environment is lowered by approximately 30MPa in the high-cycle region.
As described in Section 6.6, this shows that different factors affect metallic
biomaterial in the living body environment and in simulated body fluids.
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Tribology and tribo-corrosion testing and
analysis of metallic biomaterials

Y. YAN, University of Leeds, UK

Abstract: This chapter will explore the path from the field wear problem

to the bench test solution. The perspective will be from that of the product
designer who is experiencing a wear problem in the field. Attention will be
given to extracting the necessary key information in the field problem to
assist in the subsequent testing steps. A tribological code is developed to
facilitate the transition from the field problem to the bench test. The impact
of the selection of contact geometry will be reviewed relative to the various
test machines which are available. Many special test variations have been
developed over the years and these will be discussed to show the broad
spectrum of testing opportunities which exists. Consideration of all the test
parameters relative to accelerated tests will be reviewed. The techniques of
initial exploratory tests prior to starting the test programme will be reviewed
relative to the field problem and the proposed test conditions. Interpretation
of the test results will be explained for several test examples.

Key words: tribology, corrosion, tribocorrosion, surface analysis, prostheses,
wear, friction.

7.1 Introduction to tribology-related testing

Tribology is defined as the science and technology of interacting surfaces
in relative motion. It includes the study and application of the principles
of friction, lubrication and wear. The phenomena of tribology have been
realized for thousands of years. In 1966, the well known ‘Jost Report” was
released to the British government. Since then, the word ‘tribology’ has been
widely used and research on this area has been greatly explored. Tribology
has become an interdisciplinary area. It is linked with materials, chemistry,
physics and even biology.

For materials used in biomedical devices, if there are relative motions
involved with interfaces, tribology contact is present. From orthopaedic
implants to dental implants to ophthalmic devices, wear and friction of
materials are of major importance, together with biocompability. The ultimate
goals for such devices are to last longer and be safe to use. However, in vivo
tests are normally too complicated. Various tribological testing methods and
apparatus have been invented to study metallic or non-metallic materials in
vitro. In this chapter, different testing methods are discussed. Those used to
evaluate materials’ tribological properties are considered in Section 7.2. For
metallic materials, corrosion is also of major concern, especially for those
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materials under tribological contact. Section 7.3 presents new research on
interactions of tribology and corrosion, namely tribocorrosion. After testing,
materials always undergo analysis processes to determine the damage and
mechanisms. A brief introduction on the most commonly used surface
analysis techniques is included in Section 7.4. Comments on future trends
in tribology and tribocorrosion testing are presented in the last part of this
chapter.

7.2 General testing methods for tribological
properties

In order to increase the service life, to provide reliable performance, and
to reduce cost and maintenance, wear tests are used to provide data and
engineering information for specific applications, for instance, biomedical
devices. They can help to improve material selection and the design of devices.
The mechanisms of tribology are complex. The nature of the applications
is different. There is no single or universal testing method for tribology. In
a tribological system, wear, friction and lubrication are the triangle. Hence,
tribology test selection and use is a key aspect in the overall consideration
of wear testing. A recent survey by the National Physical Laboratory (NPL,
1997) in the UK identified over 400 wear testing standards in use around
the world. A review by the American Society of Lubrication Engineers in
1973 identified 300 tests that were in use in various test laboratories (ASTM,
1992). However, many of these tests are slight variations on others, and the
true number of tests available is probably less than 100. So the question is
what method or methods should be chosen for a particular problem.

7.2.1 Types of wear

Failures can generally be reduced but this requires an understanding and
identification of wear mechanisms involved. This is an area where experience
is particularly valuable. Researchers can find useful information and data
from handbooks and guidebooks. However, previous experience may not be
adequate to tackle the specific problem encountered. It will then be necessary
to obtain a basic knowledge of the wear performance of different materials
when subjected to different types of wear. This can be obtained by carrying
out comparative and controlled wear tests in laboratories. The various types
of wear tests that are available therefore need to be reviewed, and matched
to the various guidance on the selection of tests where they are likely to give
valid information on the relative wear performance of various materials in
practical applications.

Wear is progressive damage to a surface caused by relative motion with
respect to another substance (ASM, 1992). One key point is that wear is
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damage and it is not limited to loss of material from a surface. Sometimes
it would be the change in the geometry or dimension or cracks in a surface.
The main types of wear are shown in Table 7.1 and detail is decried in the
following paragraphs.

Wear mechanisms can be identified by the appearance of the worn
surface and the nature of the application (Williams, 1994). However, in a
tribology situation, there is normally not a simple wear process. More than
one mechanism can be present in a particular application.

7.2.2 Selection of wear testing

A type of wear testing is chosen in the laboratory to simulate the real conditions
for tribological problems. The focus is to select a design which can achieve
not only a good material selection but also general engineering information.
Figure 7.1 summarizes the configuration of different test rigs.

Figure 7.1 (a) is a pin-on-plate configuration. It can provide either a
plane-on-plane contact or a point-on-plane contact. Normally, a point-on-

Table 7.1 Types of wear mechanisms

Type of wear Cause and behaviour
mechanism
Abrasive wear Abrasive wear is caused by hard particles trapped between

moving surfaces, which results in grooves, scratches or
indentations on a surface.

Adhesive wear When two surfaces come into contact, they adhere to one
another at localized sites. As they move relatively, wear
occurs by one surface pulling the material out of the other
surfaces at these sites. Transferred materials can be seen on
surfaces.

Fretting Fretting occurs when there are small oscillatory movements
between two surfaces.

Erosion Erosion involves the removal of material from the surface by
impact of a liquid or a stream of hard particles.

Cavitation Cavitation can be seen as a type of erosion. However, it
arises from the intense local impact of the collapse of vapour
bubbles onto the surface.

Corrosive wear When the tribological contacts are in a corrosive
environment, both chemical/electrochemical and tribology
are the controlling factors. The growth and removal of oxide
layers/tribofilm controls the wear rate.

Thermal wear Material can be removed due to the result of local transient
heating or recreated surface temperature.

Fatigue Fatigue can lead to the loss of material then failure when
cracks in the surface join together. Cracks can occur due to
high local contact stress.

© Woodhead Publishing Limited, 2010



Tribology and tribo-corrosion testing and analysis 181
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7.1 Configuration of various test rigs (a) pin-on-plate (b) ball-on-plate
(c) cylinder on plate (d) pin on rotating disc (e) block on rotating
wheel and (f) abrasive with plate on rotating wheel.

plane contact is chosen to have an accurate alignment of the pin, which has
a spherical end. A ball-on-plate configuration is shown in Fig. 7.1 (b). It
has a point-on-plane contact. Figure 7.1 (c) shows a cylinder-on-plane test.
The contact is line-on-plane. A pin on a rotating disc configuration is shown
in Fig. 7.1 (d), where the wear surface is a ring shape. The difference is
that it involves two directional movement. A rolling and sliding motion is
achieved in Fig. 7.1 (e). The wheel disc rotates with a stationary plate or
a reciprocating plate. Figure 7.1 (f) presents tests of abrasive wear caused
by particles. The plate is held against a rotating wheel with a feed of loose
abrasive to the interface.

Before the decision of which wear testing is made, several conditions and
parameters should be considered. A summary for biomedical wear testing
is shown in Table 7.2.

Because of the simplicity of wear tests, they can provide very general
reference data for an evaluation of materials and environmental conditions for
an application. However, they are only a simulation of the real application.
The critical point is to choose a similar configuration that is reasonable
representation of the practical situation. The most important objective in a
test is to reproduce the dominant wear mechanism (Neale and Gee, 2000).

7.2.3  Friction

Friction is the force resisting the relative motion of two surfaces in contact or
a surface in contact with a fluid. When contacting surfaces move relative to
each other, the friction between the two surfaces converts kinetic energy into
thermal energy or heat. A widely used parameter to characterize friction is the
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Table 7.2 Parameters to be considered for wear tests

Parameter/condition Example

Materials Metals (Ti and Ti alloys, Co alloys, stainless steel, etc.),
non-metallic (ceramics, bioglass, polymer, etc.)

Lubrication Blood, serum, synovial fluid, saliva, physiological saline
(0.9% NacCl), etc.

Geometry Point-on-plane, plane-on-plane, ball-on-socket, etc.

Motion Unidirectional reciprocation, multidirectional, fretting
(nano-, micro-motion), rotation, etc.

Loading Value of load (body weight, etc.), constant loading, cyclic
loading, etc.

Environment Corrosive, temperature (36 °C-37 °C), etc.

Table 7.3 Typical friction coefficients for various materials

Combination Friction coefficient
Steel on steel (dry) 0.4-0.7

Steel on steel (water) 0.2-0.4

Steel on steel (oil) 0.1-0.3

Wood on steel (dry) 0.2-0.6

Rubber on steel (dry) 0.4-0.7

Rubber on steel (water) 0.3-0.9

Contact lenses (hydrated) 0.05-0.1

Synovial joint 0.001-0.05

friction coefficient (or the coefficient of friction). It is a dimensionless scalar
value (W) to describing the ratio of the frictional force between two surfaces
(Fy) and the force applied on them (F),). It is explained in Eq. 7.1:

Fy=UF, [7.1]

In a sliding and/or rolling wear situation, it is generally desirable to measure
or monitor frictional behaviour during the test. The correlation of frictional
changes with wear behaviour frequently provides useful information regarding
mechanisms and modelling. There are two categories for friction: (a) static
friction — when two objects are not moving relative to each other and (b)
kinetic friction (dynamic friction) — when two objects are moving relative
to each other (Loomis, 1985). In this chapter, the friction referred to is
dynamic friction. Table 7.3 shows typical friction coefficients under dry
and lubricated conditions. Friction can relate to the comfort or otherwise of
biomedical devices, such as contact lenses. Low friction is also desirable for
orthopaedic joint implants. Squeaking of hip prostheses may be associated
with vibration caused by high frictional forces (Bayer, 2004; Hutchings,
1992). In tribological tests, friction force is always measured by transducers
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or load cells then divided by the normal applied load to obtain the friction
coefficient.

7.2.4 Lubrication and lubricant

Lubrication regime is defined by the lambda ratio (1). The lambda ratio
is the minimum film thickness (%,,;,,) in relation to the composite surface
roughness (R, and R,,):

W
A==t 7.2
VR +R% 2l

Stribeck (Stachowiak and Batchelor, 2001) demonstrated that the coefficient
of friction is directly proportional to the viscosity of the lubricant and the
difference in speed of the contact surfaces; and inversely proportional to
the pressure which is exerted on the contact surfaces. Figure 7.2 shows the
Stribeck curve which is the friction coefficient against the bearing number:
Lew/p (lubricant viscosity (17), speed (w) and contact pressure (p)). There are
three regimes as defined from the Stribeck diagram: boundary lubrication,
mixed lubrication and hydrodynamic lubrication.

At lambda ratio values lower than 1, it is conventionally supposed that
asperity interaction becomes more severe and that the shear properties of
the films on the solid surfaces, whether formed by adsorption or reaction,
become significant. This regime is called boundary lubrication. In the boundary
lubrication regime, the physical properties of the bulk lubricant (such as
density and viscosity) are not as important as the chemical properties of the
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7.2 Friction coefficient as a function of the bearing number.
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lubricant and the properties of the surfaces in contact. In animal or human
joints and some hip replacements, the lubrication regime is in boundary
lubrication (Jin et al., 2000; Totten and Liang, 2004). However, for other
hip replacements, the lubrication regime can be mixed lubrication (Jin et
al., 1997). Therefore, the boundary and mixed lubrication regimes are of
primary importance in joint tribology.

If the lambda ratio is very much greater than unity, so that the film is thick,
then the traction or friction force will be a function of the bulk rheological
properties of the lubricant under the appropriate operating conditions of load,
temperature, shear rate and so on. The influence of the surface roughness will
be negligible. This regime is called full film lubrication or hydrodynamic
lubrication. Full film lubrication is the most desirable form of lubrication. In
this case the surfaces are not in contact so the resistance to their tangential
motion, friction force, is dependent primarily on the viscosity of the lubricant
(Stachowiak and Batchelor, 2001). Also since in theory there is essentially
no contact between surfaces, no wear should occur.

When the film thickness and the surface roughness are of comparable
dimensions (1< 4 <5), then the traction will still be determined by the
bulk properties of the lubricant but the local contact conditions of asperity
interaction will need to be considered (Stachowiak and Batchelor, 2001). Since
the lubrication is a mix of full film lubrication and some asperity contact,
the regime is called the mixed lubrication regime. On further decreasing
the speed and at very high specific loads, full film lubrication is difficult to
maintain and, despite the presence of micro elasto-hydrodynamic-lubrication
(EHL), there will be some mechanical interactions between opposing surface
asperities. In this regime, the lubricant film provides partial separation (Totten
and Liang, 2004). The contact load is shared between the contacting asperities
and the film when mixed lubrication prevails.

As shown in Table 7.2, several lubricants can be used in simulation wear
tests. It depends on the application. For contact lenses, physiological saline
solution is normally employed. For dental implants, both sodium chloride
solution (0.9%) and saliva solution are used. Serum and synovial fluid are
studied in joint prostheses application. Table 7.4 shows the normal composition
of bovine serum, which may be used in same tests. Apart from the lubricants
mentioned above, wear tests and corrosion tests are also carried out in other
solutions, such as Ringer’s solution containing sodium ion, potassium ion,
calcium ion and chloride ion.

7.3 Tribo-corrosion testing

Tribocorrosion is defined as the chemical/electrochemical and mechanical
processes leading to a degradation of material under tribological contacts in
a corrosive environment (Landolt et al., 2001; Mischler et al., 1999). It is
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Table 7.4 Quality profile of bovine serum (Harlan® SERA-LAB,

pH =7.2-17.4)

Element Quality profile Element Quality profile
Sodium 140 mmol/L AST 32 U/L
Potassium 8.0 mmol/L ALT 12 U/L
Glucose 6.7 mmol/L LDH 809 U/L
Urea 6.4 mmol/L Amylase 33 UL

Total protein 61.83 g/L Triglyceride 0.88 mmol/L
Albumin 32 g/L Cholesterol 1.8 mmol/L
Calcium 1.97 mmol/L Magnesium 1.22 mmol/L
Phosphate 3.02 mmol/L Iron 19 umol/L
Total bilirubin 7 umol/L Immunoglobulins 8.2 g/L

an irreversible transformation. Material degradation due to the combination
of mechanical and electrochemical processes may occur under a variety of
conditions. A sliding movement between two surfaces under two-body or
three-body (i.e. with debris) contact is a common cause of tribocorrosion. With
micromotion involved, fretting-corrosion is a special type of tribocorrosion.
Tribocorrosion is also observed in ball bearings under rolling contact. Particle
impact or impingement can also result in a combined mechanical, chemical,
electrochemical attack of material.

The selection of metals in biomedical devices aims to choose materials
which have very high corrosion resistance. A stable passive film on the metallic
material surface can protect it from corrosion attack. Under mechanical
relative movement, oxide films on passive metals can be locally or even
completely destroyed. Accelerated corrosion has been found by different
studies (Landolt et al., 2001; Rossi et al., 2000). It is generally believed
that wear will enhance corrosion rate.

An electrochemical approach offers opportunities to control the surface
chemistry of the material under tribological contact, as related in the next
sat-Sections. The current change can be monitored by holding a certain
potential. The fundamental work suggests that the passive film plays an
important role on mechanical degradation.

7.3.1 Bench tests

A new material combination has to undergo stringent wear testing before
being adopted as fit for use in manufacturing prosthetic joints. Simple
configuration wear testing has been used extensively as an ideal method for
screening novel materials, and comparing them with existing ones, for use in
joint replacements, prior to more complex joint simulator tests. At a fractional
cost of a full simulator wear test, the reciprocating ball-on-plate apparatus
has enabled better control of the individual tribological variables, leading
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to a better understanding of how these tribological factors independently
influence the wear mechanisms and corrosion behaviour. These simple tests
also provide important information about the relative wear and wear-corrosion
performance of bearing materials.

An integrated three-electrode cell can be used to determine electrochemical
behaviour under tribological contacts (Fig. 7.3). These three electrodes
are:

e working electrode (WE): the specimen
e reference electrode (RE): single Ag/AgCl electrode
e counter electrode (CE): a platinum wire/mesh.

Some electrochemical techniques can be performed to understand the complex
tribocorrosion behaviours.

The free corrosion potential measurement

At the free corrosion potential (E,,,,), the anodic reaction rate is equal to
the cathodic reaction rate and so there is no net current flow to or from the
electrode The value of E,,,, is often used to give a qualitative indication of
the corrosion regime (active or passive) in which a material resides. It can
provide a useful way to differentiate conditions of active corrosion from
passive conditions. In such a study, Yan et al., 2006a) measurement of
E,,.- was used to assess (a) how the action of a sliding counterface, against
a passive alloy affects the passivity of the alloy and (b) how the material
‘recovers’ once the sliding wear ceases and passivity is re-established. In
this work E,,,, was monitored under static conditions, under the action of
sliding wear and once sliding wear, ceased, as the material passivity was
re-established (Fig. 7.4).

Power supply
Reference electrode

/ H,l Load

\ Ji

| '—il
\

\
Counter electrode  Working electrode

?

/Potentiostat Ammeter

Voltmeter

7.3 Schematic representation of integrated three-electrode cell.
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7.4 Open circuit potential as a function of sliding time for a Co-Cr-
Mo alloy in serum at 37 °C.

Anodic polarization scans

In anodic polarization tests, the rate of metal dissolution (anodic) processes
can be determined. In one study (Yan et al., 2006b), the key purpose was
to monitor the extent of passivity of the surface. This was done by using a
standard 3-electrode cell and involved using a computer-controlled potentiostat
to shift (at a rate of 15mV/min) the potential of the working electrode (WE)
from the free corrosion potential, E,,,,, in the positive direction. This leads
to the WE (sample) becoming a net anode, and by analyzing the rate of
charge transfer as a function of potential, the corrosion behaviour can be
evaluated. The overpotential (the shift from E,,,,) is the driving force for
passivity breakdown and the magnitude of the breakdown potential (E,),
defined as the potential where the current in the 3-electrode cell increases
rapidly, gives a measure of the resistance of the passive film to localized
corrosion initiation. For passive materials, the current will stay very low in
the passive region, normally less than 10 wA/cm?, because of the protective
passive film. For active materials, where there is no protective film formed
on the surface, the current will increase immediately on shifting the potential
from E,,,,. (Fig. 7.5).

Linear polarization resistance tests

A linear polarization resistance (LPR) test is a corrosion rate monitoring
method and it can give an indication of the corrosion resistance of materials in
an aqueous environment (Yan et al., 2006c). LPR tests are performed both in
the static condition and under reciprocating motion. With the material under
sliding conditions, LPR tests are conducted every hour up to 8 hours. In LPR
tests, potential is shifted from 50 mV below E,,,. (more negative than E,,,,) to
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7.5 Anodic polarization curves for a Co-Cr-Mo alloy in serum in
static and under sliding condition at 37 °C.
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7.6 Corrosion resistance for a Co-Cr-Mo alloy and SUS 316L
stainless steel in serum under sliding condition at 37 °C.

50 mV more positive than E,,,,,. Current flow between the specimen and the
counter electrode is monitored. A linear relationship of potential and current
values can be observed. The value of AE/Ai is calculated (Fig. 7.6).

Cathodic protection

One of the main aims of work is to establish the extent of interactions between
wear and corrosion processes. The most effective means of achieving isolation
of the wear component of degradation is to completely stop any charge
transfer (corrosion) at the working electrode surface. Cathodic protection
(CP), by the impressed current method, is a widely used technique to control
corrosion and sliding wear tests under CP have enabled the wear material
loss to be determined (Yan et al., 2006¢). The applied potential used can be
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0.8V (Ag/AgCl), chosen to be more negative than the equilibrium electrode
potential for the Co/Co** reaction yet sufficiently noble enough to prevent
hydrogen-evolution at the surface which would inevitably affect the wear
process. Pourbaix E-pH diagrams can assist to choose an appropriate potential
value to be applied.

Quantification of corrosion-related damage

To date, there have been a few studies that attempted to quantify the
contributions of material degradation (7) due to corrosion, wear and their
interactions in a biotribocorrosion environment where active biological
solutions or saline solutions are used (Barril et al., 2004; Yan et al., 2006a).
This can be done by considering Eq. 7.3 which allows the quantities of
corrosion, wear and corrosion-wear to be analyzed.

T=W+C +8§ [7.3]

where W is the material loss in the absence of corrosion, which was measured
by applying CP. C’ is the material loss due to electrochemial processes
(corrosion) in the absence of wear. The synergy S includes two components
which are

e the effect of wear on corrosion (C,,) and
e the corrosion effect on wear (W,).

Corrosion-related damage (C’+ S) can therefore be assessed. It should be
remembered that this is not only the corrosion rate — it is the damage that
corrosion processes do when wear—corrosion processes occur in parallel.
Hence it is referred to as corrosion-related damage rather than corrosion
damage.

7.3.2 Simulator studies

For orthopaedic implants, their movement and loading conditions are much
more complicated than in bench tests. The latter provide an initial validation
and view of the combination and contribution of tribological contacts and
corrosion reactions. More realistic simulators have been used to determine
the wear rate for hip/knee prostheses.

The phenomena of running-in state and steady state have been recognized
in many applications when wear is presented (Dowson et al., 2004a). Many
authors have been studying metal-on-metal (MoM) total hip replacements’
wear behaviour in vivo and in vitro. Two distinct wear phases were discernible
for MoM joints. A running-in (or bedding-in, wearing-in) stage, followed by
a lower wear rate steady-state stage (Dowson et al., 2004b) (Fig. 7.7). The
length of the running-in state varies depending on the different simulators
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7.7 Basic features of volumetric wear for joint simulator tests.
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7.8 Clinical wear rate for total hip replacements.

and geometry of contacts (pin-on-plate, ball-on-plate etc.) from thousands
of cycles up to about 1 million cycles (Dowson et al., 1998; Katti, 2004;
Stemp et al., 2003). Generally, after 1 million cycles in vitro and 1 year
in vivo, implants are considered to reach a steady state. Small wear debris
particles are created mostly in the running-in phase and cause abrasive wear.
From clinical examinations for the first few days after implantation of MoM
joints, metal ions were found to increase dramatically. The metal ion levels
then stabilized (Dowson et al., 2004b; Lemons and Lucas, 1986), which is
possibly related to the biphasic (running-in and steady-state) wear phenomena
and the saturation of metal ions in the body. As shown in Fig. 7.8, from
the clinical wear factor a stable wear factor was reached in region A to B
after the initial relatively high wear rate (before A). It is considered that a
running-in process is present before point A, as mentioned previously, the
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duration being about 1 year. Then the wear dramatically accelerated (region
B to C) due to the failure of devices.

Several parameters are used to quantify or evaluate material wear. Material
total weight or volume loss is the most common one. The depth or width of
the wear scar is also used. However, those values show no association with
testing conditions. Wear factor (k) has been suggested as more appropriate.
It is proportional with total wear and applied load and sliding distance. The
calculation is shown in Eq. 7.4:

k= Wear volume
Applied load X sliding distance

(mm?/Nm) [7.4]

Figure 7.9 shows the force change during a cycle of walking. A peak load
of more than four times bodyweight was obtained when the action of heel
strike was made. Two phases in the human hip joint are classified during a
normal walking cycle. In the stance phase, the hip joint carries a very high
load and the relative movement in the joint (between femoral head and
socket) is small. In the swing phase, even though the load on the joint is
lower than in the stance phase, the movement of the joint is greater. Some
authors believe that the material degradation (wear) progresses severely in
this phase (Dowson and Jin, 2006). For the Leeds hip simulators (Fig. 7.10),
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7.9 Hip joint force during one cycle of walking.
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7.11 Load profile applied in hip simulators.

load is applied on the femoral head as shown in Fig. 7.11. It is very similar
to the walking cycles shown in Fig. 7.9.

7.4 Surface analysis for tribology and tribo-
corrosion properties

In order to understand the mechanisms and behaviour of materials’ surfaces
after wear tests, surface analysis techniques have been widely used. Over
the years, an enormous number of techniques have been developed to probe
different aspects of the physics and chemistry of surfaces. It is obvious that
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the surface properties of solids are influenced to a large extent by the solid
state properties of the material. After wear testing, normally there is a thin
film which covers the worn area, namely a tribofilm. The thickness of the
tribofilm differs over various applications and conditions. To determine the
properties of the tribofilm is the goal of applying surfaces analysis.

For the examination conditions, surface analysis techniques can be divided
to (a) vacuum system (including high vacuum and ultra high vacuum) and
(b) normal air pressure condition. For surfaces’ properties, there are two
categories (a) physical properties and (b) chemical properties. To obtain the
chemical composition or structure detail of surfaces, most of the techniques
require the surfaces to be bombarded with photons, electrons or ions. Those
techniques normally need to be operated under a vacuum condition. However,
for Raman spectroscopy (RS) and Fourier transform infrared spectroscopy
(FTIR), samples do not need to be placed in a vacuum chamber. Techniques
for determining surfaces’ mechanical properties, appearance or topography
can be used in normal lab conditions, such as nano-indentation, atomic force
microscopy (AFM), ellipsometry, etc. To choose which analysis technique(s)
to use, the basic principles of those technique(s) need to be known prior to
the sample examination. The detection limits, advantages and disadvantages
of different methods should be considered. Figure 7.12 shows the lateral and
depth resolution for some surface analysis techniques. In this section, some
commonly used surface analysis techniques are introduced.

7.4.1  Scanning electron microscopy (SEM)

Scanning electron microscopy (SEM) images the sample surface by scanning
it with a high-energy beam of electrons in a raster scan pattern. The primary
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7.12 Comparison of various surface analysis techniques for their
lateral resolution and depth resolution.

© Woodhead Publishing Limited, 2010



194 Metals for biomedical devices

electron beam, which is produced under high vacuum, is scanned across the
surface of a specimen. When the electrons strike the specimen, a variation
of the signal produces an image of the surface, or its elemental composition
together with energy dispersive X-rays (EDX). An SEM image is shown in
Fig. 7.13 (a). Clear grooves can be seen at the bottom half of the image. This
indicates debris generated by tribological contacts trapped in the contact. They
scratch the sample surface which resulted in wear. Several functions have
been developed with the principles of SEM to have a better understanding
of material surfaces. Back scattered electrons (BSE) are bem electrons that
are reflected from the sample by elastic scattering. BSE images can provide
information about the distribution of different elements in the sample according
to their atomic number. Field emission guns SEM (FEG SEM) enables a
higher resolution and magnification, which is widely used in nanotechnology
and biomedical fields. Figure 7.13 (b) shows a nanoparticle from FEG SEM.
One of the latest innovation in SEM is environmental scanning electron
microscopy (ESEM). It differs from conventional SEM in two crucial aspects.
Firstly, it allows the introduction of a gaseous environment in the specimen
chamber although the electron gun is kept under the standard SEM high
vacuum. Secondly, non-conductive samples, such as fibers, wood, polymer,
etc. do not need to be coated with a carbon or metallic layer, as is the case
with conventional SEM.

7.4.2 X-ray photoelectron spectroscopy (XPS)

X-ray photoelectron spectroscopy (XPS) is a powerful technique widely used
for surface analysis of materials. In one particular machine (Beamson et al.,
1990) a high-power monochromatized Al K, X-ray source (hv = 1486.6 eV),
high transmission electron optics and multi-channel detector are employed.
Using this machine, survey scans and more detailed region scans were run

(a) (b)

7.13 SEM images for (a) wear scar on a Co-Cr-Mo alloy and (b) a
nanometallic particle.
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at 300 eV pass energy and 0.8 mm slit width. Although X-rays penetrate to
a depth of several micrometers, ejected photoelectrons generally come from
only the first several nanometres of material. In XPS, the photon is absorbed
by an atom in a molecule or solid, leading to ionization and the emission
of a core (inner shell) electron. The binding energy (BE) is taken to be a
direct measure of the energy required to remove the electron from its initial
level to the vacuum level. In order to assess the variation of composition as
a function of depth, the samples were subjected to argon-ion bombardment
for various times. A schematic diagram of XPS is shown in Fig. 7.14.

The high X-ray power rotating anode has a maximum power rating of 8kW,
a factor of thirteen higher than a typical power of 600W for a conventional
fixed anode source. A large, seven crystal, double focusing monochromator
focuses the X-ray onto an area 6 mm by 0.3 mm. The beam line is then
focused in the middle of the wear scar in an area of 400 wm by 300 wm. The
Al K,(1486.7 eV) line profile has a ‘full width at half maximum’ (FWHM)
of 0.26 eV, a factor of three narrower than for an unmonochromated Al K,
source. The computer-controlled lens system has two modes of operation:
a high transmission mode for optimum acceptance of photoelectrons and an
imaging mode for high spatial resolution with <50 um lateral resolution.
The detection system consists of a 300 mm radius hemispherical analyser
and a multi-channel detector. This gives an overall instrument resolution of
0.3 eV minimum.

In typical XPS analysis, a survey scan (Fig. 7.15 (a)) is obtained first in
order to identify elements present, and then the long scans (Fig. 7.15 (b)) of
the selected peaks are obtained in order to determine a more comprehensive
picture of the chemical composition.

Energy measurement
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7.14 Schematic representation of XPS.
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survey scan and (b) long scan.
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7.4.3 White light interferometry (WLI)

White light interferometry (WLI) is a powerful technique for non-contact
measurement of surface topography at high vertical and moderate lateral
resolution. The Phase Shifting Interference (PSI) mode was used and the
resolution for this mode is 0.3 nm. The Wyko machine has a range of
objectives from 2X-50X and has an additional zoom from 0.5-2X called
the field-of-view (FOV) objective.

7.4.4  Atomic force microscopy (AFM)

Atomic force microscopy (AFM) is in the family of scanning probe microscopy
(SPM). It is very useful to study properties of material from the atomic to
the micron level. AFM consists of a microscale cantilever with a sharp tip
(probe) at its end that is used to scan the specimen surface. Figure 7.16
shows a schematic diagram of AFM. It is ideally suited to the investigation
of topographical structure (having high resolution) along with local surface
properties such as local stiffness and adhesion. AFM has normally three imaging
modes: (a) contact mode (b) non-contact mode and (c) intermittent contact or
tapping mode (Vickerman, 1997; O’Connor, 2003). During scanning in the
contact mode, a constant bend in the cantilever is maintained. In non-contact
mode, the cantilever oscillates just above the specimen. The tip—specimen
separation and the oscillation amplitude are in the order of 1nm to 10nm,
which is the main difference to the tapping mode, where the oscillation
amplitude of the tip is in the range of 20nm to 200nm. The tapping mode
is very useful for soft surfaces, especially biological samples. Figure 7.17
shows images under contact mode for tribofilm on a Co—Cr—Mo alloy.

-----
[ lpseo

7.16 Schematic diagram of AFM.
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7.17 Typical AFM image of a Co—-Cr-Mo alloy surface. (a) Topography
and (b) lateral force.

7.4.5 Mass spectroscopy

Surface mass spectroscopy techniques consist of measuring the masses of
secondary ions that are ejected, in a process known as sputtering, from the
surface of a specimen when a primary beam of energetic particles bombards
it. This results in the emission of a range of secondary particles, including
positively and negatively charged ions. The secondary ions can provide unique
information about the chemistry of the surface from which they originated. It
is common practice to use electron spectroscopy in combination with surface
mass spectroscopy to characterize the surface chemistry of an unknown
specimen. The main methods of surface mass spectroscopy are: secondary
ion mass spectroscopy (SIMS), laser ionization mass spectrometry (LIMA)
and sputtered neural mass spectrometry (SNMS). SIMS is by far the most
commonly used surface spectroscopic technique. It has three basic modes: (a)
static SEM — used for sub-monolayer elemental analysis (b) dynamic SIMS
— used for obtaining compositional information as a function of depth below
the surface and (c) imaging SIMS — used for spatially-resolved elemental
analysis (Briggs and Seah, 1990; Vickerman, 1997). A typical SIMS spectra
is shown in Fig. 7.18.

7.5 Future trends

Wear testing methods have been developed for hundreds of years. However,
with the fast development of materials and exploration of applications, some
possible trends can be summarized as follows:

e [n situ, on line wear testing: Wear tests will be integrated with surface
analysis techniques, which will provide real time wear properties — how
the tribofilm forms under various conditions and environments. More
information will therefore be obtained from a single wear test, such as
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7.18 A typical SIMS spectra.

temperature, contact resistance, corrosion resistance, lubrication film
properties, chemical structure changes, etc.

e Modelling: General property modelling, where basic mechanical properties
are linked to wear behaviour (yield strength, work hardening, ductility,
fracture toughness, etc.) will be developed. This is another approach to
understanding tribological behaviour. Wear tests will provide a database
for future modelling of different materials and conditions.

e Micro- and nano-tribology: This involves assemblies of atoms and
molecules having at least one nano-scale dimension. Four areas at present
relate to nano-tribology: probes; structure; processes; and simulation of
tribological systems. Testing methods need to go smaller and smaller.

e Coatings: It is clear that coatings have huge potential to reduce wear
and friction in a large range of applications and can provide solutions
where lubricants cannot be used.

e Specific wear testing: More individual wear testing will come along as
well as the documented standards. The family of wear testing standards
will grow. Unique ways to test unique systems will be developed and
invented.

7.6 References

ASM Metals handbook, Vol. 18 (1992), Friction, Lubrication and Wear Technology,
ASM International.

© Woodhead Publishing Limited, 2010



200 Metals for biomedical devices

ASTM STP 1167, Wear testing of advanced materials.

Barril S, Mischler S, and Landolt D (2004) Influence of fretting regimes on the
tribocorrosion behaviour of Ti6A14V in 0.9 wt.% sodium chloride solution, Wear,
256, pp. 963-972.

Bayer R (2004), Mechanical Wear Fundamentals and Testing, Marcel Dekker, Inc.

Beamson G, Briggs D, Davies S F, Fletcher I W, Clark D T, Howard J, Gelius U,
Wannberg B and Balzer P (1990), Performance and application of the Scienta ESCA300
spectrometer, Surface and Interface Analysis, 15, pp. 541-549.

Briggs D and Seah MP (1990), Practical Surface Analysis, John Wiley.

Dowson D (1998) History of Tribology, London, Professional Engineering Publishing.

Dowson D, Hardaker C, Flett M and Isaac G H (2004a), A hip joint simulator study of
the performance of metal-on-metal joints Part I: The role of Materials, Arthroplasty,
19, 118-123.

Dowson D, Hardaker C, Flett M and Isaac G H (2004b), A hip joint simulator study
of the performance of metal-on-metal joints Part II: Design, Arthroplasty, 19, pp.
124-130.

Dowson D and Jin Z M (2006), Metal-on-metal hip joint tribology, Proc. IMechE Part
H: Engineering in Medicine, 220, pp. 107-118.

Hutchings I M (1992), Tribology: Friction and Wear of Engineering Materials, Edward
Arnold.

Jin Z M, Dowson D and Fisher J (1997), Analysis of fluid film lubrication in artificial
hip joint replacements with surfaces of high elastic modulus, Proc Instn Mech Engrs
Part H: Journal of Engineering in Medicine, 211, pp. 247-256.

Jin Z M, Firkins P, Farrar R and Fisher J (2000), Analysis and modelling of wear of
cobalt-chrome alloys in a pin-on-plate test for a metal-on-metal total hip replacement,
Proc Instn Mech Engrs H, 214, pp. 559-568.

Katti K S (2004), Biomaterials in total joint replacement, Colloids and Surfaces, 39,
pp- 133-142.

Landolt D, Mischler S and Stemp M (2001), Electrochemical methods in tribocorrosion:
A critical appraisal, Electrochemica Acta, 46, pp. 3913-3929.

Lemons J E and Lucas L C (1986), Properties of biomaterials, Arthroplasty, 1, pp.
143-147.

Loomis W R (1985), New Directions in Lubrication, Materials, Wear and Surface
Interaction, Noyes Publications.

Mischler S, Spiegel A and Landolt D (1999), The role of passive oxide film on the
degradation of steel in tribocorrosion systems, Wear, 225-229, pp. 1078-1087.

Neale M J and Gee M (2000), Guide to Wear Problems and Testing for Industry,
Professional Engineering Publishing.

NPL Report CMMT (A) 92 (1997), Wear Testing Methods and their Relevance to
Industrial Wear Problems.

O’Connor D J (2003), Surface Analysis Methods in Materials Science, Springer, 31.

Rossi S, Fedrizzi L, Deflorian F and Zen M (2000), Wear-corrosion of nitrided steel:
Corrosion potential monitoring to evaluate the effect of test parameters, Materials
and Corrosion, 51, pp. 552-556.

Stachowiak G W and Batchelor A W (2001), Engineering Tribology, Woburn, Butterworth-
Heinemann.

Stemp M, Mischler S and Landolt D (2003), The effect of mechanical and electrochemical
parameters on the tribocorrosion rate of stainless steel in sulphuric acid, Wear, 255,
pp. 466-475.

© Woodhead Publishing Limited, 2010



Tribology and tribo-corrosion testing and analysis 201

Totten G E and Liang H (2004), Mechanical Tribology, New York, Marcel Dekker,
Inc.

Vickerman J C (1997), Surface analysis: The Principal Techniques. John Wiley &
Sons.

Williams J A (1994), Engineering Triblogy, Oxford Science Publication.

Yan Y, Neville A and Dowson D (2006a), Understanding the role of corrosion in the
degradation of metal-on-metal implants, Proceeding of The Institution of Mechanical
Engineers Part H: Journal of Engineering in Medicine, 220, pp. 173-180.

Yan Y, Neville A, Dowson D and Williams S (2006b), Tribocorrosion in implants —
Assessing high carbon and low carbon Co—Cr—Mo alloys by in-situ electrochemical
measurements, Tribology International, 39, pp. 1509-1517.

Yan Y, Neville A and Dowson D (2006¢), Biotribocorrosion — an appraisal of the time
dependence of wear and corrosion interactions — Part I: The role of corrosion, Journal
of Physics D: Applied Physics, 39, pp. 3200-3205.

© Woodhead Publishing Limited, 2010



8

Biocompatibility and fabrication of in situ
bioceramic coating/titanium alloy
biocomposites

C. CUI, Hebei University of Technology, China

Abstract: Ti and its alloys are superior to many other biomaterials in
mechanical properties and biocompatibility. They are widely used in
biomedical devices and components because of their desirable properties,
such as relatively low modulus, good fatigue strength, formability,
machinability, corrosion resistance, and biocompatibility. However, they
cannot meet all of the clinical requirements. Therefore, in order to improve
the biological, chemical, and mechanical properties, surface modification

is often performed. This chapter reviews the various surface modification
technologies pertaining to Ti and its alloys, including mechanical treatment,
thermal spraying, sol—-gel, chemical and electrochemical treatment, and ion
implantation from the perspective of biomedical engineering. Recent work
has shown that the wear resistance, corrosion resistance, and biological
properties of Ti and its alloys can be improved selectively using appropriate
surface treatment techniques while the desirable bulk attributes of the
materials are retained. Some recent applications are also discussed in this
chapter.

Key words: biomaterials, titanium alloys, surface treatment, biomedical
devices, implants.

8.1 Introduction

As biomaterials, Ti and its alloys are superior to many materials such as
stainless steel, pyrolytic carbon and so on, in terms of mechanical properties
and biocompatibility. Ti and its alloys are widely used in biomedical devices
and components, especially as hard tissue replacements as well as in cardiac
and cardiovascular applications, because of their desirable properties, such
as relatively low modulus, good fatigue strength, formability, machinability,
corrosion resistance, and biocompatibility. However, Ti and its alloys
cannot meet all of the clinical requirements. Therefore, in order to improve
the biological, chemical, and mechanical properties, surface modification
is often performed. This chapter reviews the various surface modification
technologies pertaining to Ti and its alloys including mechanical treatment,
thermal spraying, sol-gel, chemical and electrochemical treatment, and ion
implantation from the perspective of biomedical engineering. Recent work
has shown that the wear resistance, corrosion resistance, and biological
properties of Ti and its alloys can be improved selectively using the
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appropriate surface treatment techniques while the desirable bulk attributes
of the materials are retained. Proper surface treatment expands the use of
Ti and its alloys in the biomedical fields. Some recent applications are also
discussed in this chapter.

8.2 Titanium and its alloys

Ti is one of the transition elements in Group IV and Period 4 of Mendeleev’s
periodic table. It has an atomic number of 22 and an atomic weight of 47.9.
Being a transition element, Ti has an incompletely filled d shell in its electronic
structure (Ogden, 1961). Some basic physical properties of unalloyed Ti
are summarized in Table 8.1. The incomplete shell enables Ti to form solid
solutions with most substitutional elements having a size factor within =
20%. In the elemental form, titanium has a high melting point (1668 °C)
and possesses a hexagonal, closely packed crystal structure (hep: o) up to a
temperature of 882.5 °C. Ti transforms into a body centered cubic structure
(bee -p) above this temperature (Collings, 1984). Ti alloys may be classified
as a, near-c, o + 3, metastable f3, or stable 5 type alloys depending upon the
room temperature microstructure (Polmear, 1981). In this regard, alloying
elements for titanium fall into three categories: (i) ¢-stabilizers, such as
aluminum (Al), oxygen (O), nitrogen (N), and carbon (C); (ii) B-stabilizers,
such as molybdenum (Mo), vanadium (V), niobium (Nb), and tantalum (Ta)

Table 8.1 Summary of physical properties of unalloyed titanium

Property Value
Atomic number 22
Atomic weight (g/mol) 47.9
Crystal structure
Alpha Hexagonal, closely packed
c (A) 4.6832 + 0.0004
a (A) 2.9504 = 0.0004
Beta Cubic, body centered
a (A) 3.28 = 0.003
Density (g cm™) 4.54
Coefficient of thermal expansion, a, at 20 °C (K™") 8.4 x 107
Thermal conductivity (W/(m K)) 19.2
Melting temperature (°C) 1668
Boiling temperature (°C) 3260
Transformation temperature (°C) 882.5
Electrical resistivity
High purity (u Q cm) 42
Commercial purity (1L Q cm) 55
Modulus elasticity «, (GPa) 105
Yield strength ¢, (MPa) 692
Ultimate strength «, (MPa) 785
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(isomorphous), and iron (Fe), tungsten (W), chromium (Cr), silicon (Si),
cobalt (Co), manganese (Mn), and hydrogen (H) (eutectoid); (iii) neutrals,
such as zirconium (Zr). The ¢ and near-¢ Ti alloys exhibit superior corrosion
resistance to the o + B alloys but have limited low temperature strength.
In contrast, the o + B alloys exhibit higher strength due to the presence
of both the o and S phases. The properties of the materials depend on the
composition, relative proportions of the o and  phases, thermal treatment,
and thermo—mechanical processing conditions.

The S alloys offer the unique characteristic of low elastic modulus and
superior corrosion resistance to the o and o + S alloys (Bania, 1993; Schutz,
1993). Ti—Ni alloy is a stoichiometric compound of Ti and Ni. The equiatomic
intermetallic compound TiNi exhibits the shape memory phenomenon
that allows for the spontaneous recovery of shape after being subjected to
macroscopic deformation higher than its elastic limit. Shape recovery may
occur after heating or after release of loads. NiTi shape memory alloy with
55 wt% of Ni and 45 wt% of Ti is often called NITINOL (Ni for nickel,
Ti for titanium, and NOL for Naval Ordnance Laboratory, the place where
Buehler and co-workers discovered this alloy). Research activities on the
application of TiNi shape memory alloys to medicine began in the late 1960s
to take advantage of their unique shape memory properties. For example,
tailored compressive fixation of bone fragments, and anchoring of implants
and dentures to the living tissues can be more easily achieved with TiNi
alloys (although Ni is poisonous to the human body if there is no coating on
the alloy). In addition, flexible TiNi stents are increasingly used in surgical
treatments involving constricted arteries, recurrent urethral obstructions,
biliary obstructions, and malignant esophageal stenosis.

8.3 Biomedical applications and development of
Ti and its alloys

Earlier applications of Ti in medical, surgical, and dental devices were based
on post-World War II advances in manufacturing processes as a result of
the more stringent requirements demanded by the aerospace and military
industry. Increased use of Ti and its alloys as biomaterials stems from their
lower modulus, superior biocompatibility and better corrosion resistance
when compared to more conventional stainless steels and Co-based alloys.
These attractive properties were the driving force for the early introduction
of & (cpTi) and (a0 + PB)-type (Ti—6A1-4V) alloys, as well as the more recent
development of modern Ti-based alloys and orthopedic metastable S-type Ti
alloys. Applications of Ti and its alloys can be classified according to their
biomedical functionalities.
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8.3.1 Hard tissue replacements

A schematic diagram of hard tissues in the human body is shown in Fig. 8.1.
Hard tissues are often damaged due to accidents, aging, and other causes.
It is a common practice to surgically substitute the damaged hard tissues
with artificial replacements. Depending on the regions in which the implants
are inserted and the functions to be provided, the requirements of different
endoprosthetic materials are different.

Because of the aforementioned desirable properties, Ti and its alloys
are widely used as hard tissue replacements in artificial bones, joints, and
dental implants. As a hard tissue replacement, the low elastic modulus of
Ti and its alloys is generally viewed as a biomechanical advantage because
the lower elastic modulus can result in less stress shielding. One of the most
common applications of Ti and its alloys is artificial hip joints that consist
of an articulating bearing (femoral head and cup) and stem, as depicted in
Fig. 8.2. The articulating bearings must be positioned in such a way that they
can reproduce the natural movement inside the hip joints whereas secure
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8.1 Schematic diagram of hard tissues in human body.
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Femoral head

Hip stem

8.2 Schematic diagram of artificial hip joint.

positioning of the femoral head in relation to the other components of the
joint is achieved using the stem. The hip stem is anchored permanently to
the intramedullary canal of the femur. The cup, which is the articulating
partner of the femoral head, is used for fixation by reaming out the natural
acetabulum to fit the design. Ti and its alloys are also often used in knee
joint replacements, which consist of a femoral component, tibial component,
and patella.

Ti and its alloys are common in dental implants, which can be classified
as subperiosteal, transosteal, and endosseous according to their position and
shape. Subperiosteal implants consist of a custom-cast framework resting on
the bone surface beneath the mucoperiosteum. The prosthesis is secured on
posts or abutments that penetrate the mucosa into the oral cavity. Transosteal
implants can be placed only in the frontal lower jaw while endosseous
implants can be placed in both the upper and lower jaws via a mucoperiosteal
incision. They are the most commonly used implant types and can be used
in almost any situation as single implants to replace one missing tooth as
well as in cases of partial and total edentulism. The most commonly used
endosseous implants are root-forming analogs.
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Figure 8.3 shows one of the more popular designs — a screw-shaped artificial
tooth. Most dental implants are placed according to the ‘osseointegration’
concept, which allows dental implants to fuse with bones. Surface modification
technologies, such as grist blast, chemical etching, and plasma spraying are
often utilized to improve the osseointegration ability of Ti dental implants.
For endosseous implant fixation in bones, such as in the case of artificial hip
and knee joints, two methods are currently employed. One is bone cement
fixation and the other is cementless implantation. Consequently, prostheses
can be classified into cemented and cementless ones in accordance with the
fixation methods in bone tissues. The requirements that are related to the
properties and design of the prostheses depend closely on the type of anchoring
in the human body. For cemented prostheses, the components are fixed to the
bony implant bed employing bone cement based on poly(methylmethacrylate)
(PMMA). The cement is usually prepared at the time of the surgery and applied
with the aid of a syringe to the bony implant bed after blood and medullary
fat have been removed. Penetrating into the cancellous bone structure, the
cement hardens within a few minutes resulting from an exothermal reaction.
This leads to a continuous cement mantle that is well anchored in the bone
and lies closely against the implant (Morscher, 1995).With regard to bone
cement fixation, apart from the risk of necrotic damage of the living bone
by the heat liberated during polymerization of the cement, the lifetime of a
cemented endoprosthesis depends on the durability of the cement as well as
its tensile bond strength on the implant surface. Failure begins with loosening
at the interface accompanied by micro-movements between the metal and the
cement, consequently initiating the formation of metal particles and release

8.3 Schematic diagram of screw-shaped artificial tooth.
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of metal ions. Due to its poor mechanical properties, cement is branded
as the weak point in the fixation, as exemplified by the growing number
of cases involving loosening of cemented prostheses since the late 1970s,
regardless of prosthesis design (Jones and Hungerford, 1987). Anchoring
of the prosthesis directly to the living bone is one of the solutions and the
driving force for further developments. In comparison with cementing, direct
cementless anchoring of the prosthesis to the bone through osseointegration
is a more recent technique. Cementless prostheses with the optimal surface
structure and composition to enable osseointegration can produce lasting
mechanical interlocking between the implant and bone (Bobyn et al., 1980;
Dowson et al., 1981; Howie, 1990; Jasty, 1993; Long and Rack, 1998).
Rough surfaces, porous coatings and surfaces with osteoconductivity and
osteoinductivity in body fluids have been shown to be good surfaces for
osseointegration. Depending on the desired anchorage in the bone, partial
osseointegration of the prosthetic components may be considered expedient.
In such cases, the design is divided into functional zones that are optimized
according to their individual functions. For a proximal anchored hip prosthesis
stem, the solution may require the provision of a proximal surface that can
osseointegrate with the bone.

In order to avoid adverse tissue reactions arising from hard tissue
replacements, a bioinert material, which is stable in the human body and
does not react with body fluids and tissues, is preferred. Bioinert materials
are generally encapsulated after implantation into the living body by
fibrous tissues that isolate them from the surrounding bone. Some bioactive
materials, such as hydroxyapatite and bioactive glasses are increasingly
used as hard tissue replacements to improve the bonding between implants
and bone tissues because the materials can bond to living bones without the
formation of fibrous tissues by creating a bone-like apatite layer on their
surface after implantation. Apatite formation is currently believed to be the
main requirement for the bone-bonding ability of materials. In this respect,
Ti with its native surface oxide is known to be bioinert, but it is difficult
to achieve good chemical bonding with bones and form new bones on its
surface at the early stage after implantation. Hence, titanium and titanium
alloys do not meet all the requirements of an ‘ideal’ material. In addition,
longer human life expectancy and younger patients requiring implants
have driven biomedical research from original implant concerns, such as
materials strength, infection and short-term rejection to a consideration of
more long-term material limitations; for instance, wear, fatigue strength, and
long-term biocompatibility. The current trend is to use surface modification
technologies to address a number of these ever increasing clinical demands,
and the various issues are discussed later in this chapter.
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8.3.2 Cardiac and cardiovascular applications

Ti and its alloys are common in cardiovascular implants because of their
unique properties. Early application examples were prosthetic heart valves,
protective cases in pacemakers, artificial hearts, and circulatory devices.
Recently, the use of shape memory TiNi alloy (NITINOL) in intravascular
devices, such as stents and occlusion coils, has received considerable attention.
The advantages of Ti cardiovascular applications are that Ti is strong, inert,
and non-magnetic. It also produces few artifacts under magnetic resonance
imaging (MRI), which is a very powerful diagnostic tool. A disadvantage is
that it is not sufficiently radio-opaque in finer structures. In artificial heart
and circulatory assist devices, the materials are used both in the mechanical
components of the pump and as a blood-contacting surface. Artificial hearts
made entirely of titanium have, in general, not been very successful, clinically,
mainly due to problems with blood-clotting occurring on the device surface
(Rintoul ez al., 1993).

Many types of prosthetic heart valves have been used clinically. The ring
and struts are made of Ti or its alloys while the disk is made of pyrolytic
carbon. Around the ring is a sewing ring made of knitted Teflon (PTFE)
cloth, where the sutures anchoring the prosthesis to the heart are placed. The
metals in the prosthetic heart valves are often coated with a thin carbon film
to enhance blood compatibility. At present, stents (Fig. 8.4) are commonly

8.4 Stents commonly used in the treatment of cardiovascular
disease.
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used in the treatment of cardiovascular disease. They dilate and keep
narrowed blood vessels open. Stents are usually mounted on balloon catheters
or folded inside special delivery catheters. TiNi alloy is one of the most
common materials used in vascular stents due to its special shape memory
effects. Because of inevitable damage to the vessel wall in connection with
placement of the stent and possible rejection by the body, there is always a
risk of thrombotic occlusion of the stented vessel segment. Therefore, it is
necessary to improve the antithrombogenic properties of stents.
Commercially pure titanium (Ti) and Ti alloys are preferred for dental
and orthopedic implants or prostheses because of their corrosion resistance,
biocompatibility, durability, and strength. However, being bioinert, the
integration of such implants in bone was not good. To achieve improved
osseointegration, there have been many efforts to modify the composition
and topography of implant surface. Recently, the anodic oxidation treatment
of Ti has attracted a great deal of attention (Ogden, 1961; Collings, 1984;
Polmear, 1981; Bania, 1993; Schutz, 1993). Park et al. reported that an
anodized titanium implant appeared to have higher removal torque values and
higher percentages in both the bone-to-implant contact and the bone area in
the threads than the machined implant (Collings, 1984). Meanwhile, calcium
phosphate is commonly applied to metallic implants as a coating material for
fast fixation and firm implant—bone attachment on account of its demonstrated
bioactive and osteoconductive properties. Recently, various Ca/P ratios of
thin calcium phosphate films were formed by electron beam evaporation:
The films had an excellent bonding strength and showed different dissolution
behaviors, depending on the Ca/P ratio (Morscher, 1995; Jones, 1987; Bobyn
et al., 1980). Concerning the stability of the coatings, much effort has been
devoted to determine the immersion behavior of calcium phosphate coatings
in solutions with ionic composition similar to the inorganic fraction of blood
plasma, such as phosphate buffered saline (PBS) solution, Hank’s balanced
salt solution (HBSS) (Howie, 1990; Jasty, 1993) and Kokubo’s simulated
body fluid (SBF) (Jasty, 1993; Long and Rack 1998). These in vitro studies
are important in a practical sense in that they could give some indication
of the in vivo behavior of the coating. Especially, thin coating layers are of
interest. Consequently, these tests are practiced as a first stage to assess the
bioactivity of a potential biomaterial through the formation of a bonelike
apatite layer (Rintoul et al., 1993; Williams, 2001; Textor et al., 2001). It
is of no doubt that the addition of certain biologically active proteins with
biomaterial will improve the bioactivity of the material. Some proteins and, in
particular, growth factors, have been shown to be potent osteogenic inductors.
Basic fibroblast growth factor (BFGF) is one of several well-characterized
growth factors which have crucial properties in bone formation processes
(Boehm, 1971). Therefore, the association of BFGF with carriers would be
promising in orthopedic and dental fields. So far, different scaffolds including
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hydroxyapatite (HA), beta-tricalcium phosphate (8-TCP) and biodegradable
polymers have been used as the carrier of BFGF (Schindler, 1990; Parfitt,
1976; Hendrich, 1985; Parks, 1965).

In a recent study (Cui et al., 2005), many kinds of methods to make a
bioceramic coating and calcium phosphate deposition film with an excellent
biocompitibility were used to be deposited on the surface Ti and Ti alloy.
Some of main methods used are introduced as follows:

8.4 Biocompatibility and fabrication of in situ
synthesized bioceramic coatings on Ti alloys

8.4.1 In situ synthesized potassium titanate/Ti alloys as
biomedical materials

Using an in situ dry mixed calcination synthetic method, Cui et al. prepared
a K, TigO 5 coating layer whose heat expansion coefficient was close to that
of the matrix and its mechanical character was good. Cui et al. (2003) used
TiAl, Zr, Sn, Nb alloys as matrix materials and K,COj3 + TiO, as the original
material for coating. The bonding of coating and matrix was improved in
this study. Cui et al. (2005) studied theoretically the surface pattern, phase
composition, bonding strength and bioactivity of the coating. The Ti alloys
were produced by vacuum induction smelting furnace or non-consumable
vacuum arc smelting furnace, respectively. The structure, composition and
property of the Ti alloys were analyzed. The matrix was badly contaminated
by carbon and oxygen in the graphite crucible or the CaO coating crucible.
The contents of carbon and TiC particles were high in the Ti alloys. Using the
CaO coating crucible reduced the carbon contamination of the Ti alloys. But
the oxygen contamination at high temperature made it impossible to fabricate
the Ti alloys with normal properties. Then the structural character of as-cast
Ti alloy produced by the non-consumable vacuum arc smelting furnace was
studied. The effects of the addition alloying elements on the structure and
the asymmetry law of the addition elements were also analyzed.

The processing technique of potassium titanate (K,0-6TiO,) was established
in the author’s laboratory. Effects of K,CO5/TiO, ratio and reaction temperature
on the growth of the K,0O-6TiO, whisker were analyzed. The results showed
that: when the K,CO3/Ti0, ratio was about 1:5.5~1:6, a high quality and high
productivity potassium titanate whisker was synthesized by the calcination
method at applicable reaction temperatures. The diameter of the whisker
was about 0.1~0.3 um and the length to diameter ratio was about 100~200.
According to the processing technique of the whisker, potassium titanate
coating was synthesized in situ on the surface of the Ti alloy. The coating
was made up of potassium titanate whiskers in an orientation perpendicular
to the surface of the matrix. The coating thickness was about 2~3 wm. The
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action of the surface oxidized layer on the surface of the matrix in the in situ
synthesis reaction was also studied. The effect of the reaction was that solid
and liquid were the main phases and the gas phase escaped synchronously
with the potassium titanate whisker’s growth in orientation.

Surface micropore Ti had been fabricated, based on the principle that
the growth stress and thermal stress between the high-temperature oxided
layer and the base material resulted in a physical lamination, which was
surface bio-activated through an acid—alkali two-step method, followed by
the formation and surface bio-activation reaction of the micropore Ti. It
was indicated that the orientation and shape of the micropore was related
to the structure of the matrix and that a gel film was formed on the surface
after the bio-activation treatment. It was found that the deposition layer,
after simulation body fluid (SBF) solution cultivation, was composed of
honey-comb-liked polygonal cell-shaped elements, which were constructed
of randomly arranged graticule-like nanometer loops with a Ca to P atomic
ratio (n(Ca)/n(P)) of 1.61:1, akin to that of HA and human bones. An analysis
of the deposition mechanics suggested that the deposition of Ca and P in
the liquid phase was attributed to the bioactivity of the micropore titanium
surface and the ion over-saturation environment of the SBF solution.

The biological activity of the K,O-6TiO, coating is closely related to
its specific structure and physicochemical properties, as was discovered in
the research. It should be noted that the activated TiO, surface can adsorb
physically and chemically a quantity of OH and H,O to form Ti—OH on the
surface; and that it also can act as the bioactive base for apatite heterogeneous
nucleation under biological conditions, when the pores in the coating can
accelerate the diffusion of the organic small molecules through the oxide
networks at room temperature to form strong chemical bonds with their
functional groups. For example, organic small molecules containing COOH,
OH, NH,, C=0 or phosphoric acid functional groups can be fixed in this
processing. So the excellent biological activity of K,0O-6TiO, coatings is
mainly attributed to their major ingredient TiO,. Additionally, the K,0-6TiO,
possesses excellent water compatibility, stable under certain acid—alkali
conditions, and its dispersion pH value in water is comparable to that of
SBF. Therefore, K,0-6TiO, will influence the body fluid environment less in
implants. All of this makes possible the application of K,0-6TiO, bioactive
coatings in clinical implants and reparations.

An SBF cultivation experiment was used to evaluate the biological activity
of K,0-6TiO, functional coating. The surface properties, together with the
influence of the tunnel structure of K,0-6TiO, crystal’s ability to induce Ca /P
to deposit in the liquid phase, was examined in our studies. The discovery of
phenomena of the molecule self-assembling Ca/P nanometer whiskers on the
K,0:6TiO, functional coating during SBF cultivation was very rewarding.

During research on the low-temperature deformation of in situ Ti-matrix

© Woodhead Publishing Limited, 2010



Biocompatibility and fabrication of in situ bioceramic coating 213

composite materials, it was found that there were the textures of {1010}
<1120> and (0002) <1120>. When deformation occurred at higher temperature,
multi-slip systems were operating and, moreover, the texture {1121} appeared.
When the temperature was higher than the recrystallization temperature, the
texture was obscured.

8.4.2 Fabrication and biocompatibility of nano-TiO,/Ti
alloys as biomedical materials

As biomedical materials, Ti and its alloys are superior to many materials
such as stainless steels, pyrolytic carbon, and so on, in terms of mechanical
properties and biocompatibility. However, the biocompatibility of Ti and its
alloys are still not sufficient for prolonged clinical use. Hence, the development
of surface modification is a real necessity for the biomedical community. Ti
with a biocompatible coating such as HA has been successfully studied in
recent years (Kamitakahara et al., 2003; Rgnold et al., 2002; Wang et al.,
1993; Klein et al., 1994; Tsui et al., 1998; Korkusuz et al., 1999). Ti alloys
are used for dental and orthopedic implants for their superior compatibility,
which is attributed to the oxide film formed on their surface (Kamitakahara
et al., 2003; Rgnold et al., 2002). Surface modification recently became
active in the field of implants, such as hydroxyapatite coating by plasma
spraying or electrophoretic deposition (Wang et al., 1993; Klein et al., 1994;
Tsui et al., 1998), electrochemical deposition of Ca phosphates, basification
treatment, sol—-gel and anodized dielectric film (Korkusuz et al., 1999; Wang
et al., 1993; Haman et al., 1995; Kyeck et al., 1999; Singh et al., 1996; Ong
et al., 1991; Dasarathy et al., 1996; Wolke et al., 1994; Yamashita et al.,
1996; Montenero et al., 2000; Haddow et al., 1998; Jillavenkatesa et al.,
1998; Hero et al., 1994). In this research, nanometer Ti dioxide powder was
adopted as the raw material to embed Ti alloys and sinter. In this way, a new
biomaterial, a nano-TiO, biocompatible coating on the surface of titanium
alloys, was fabricated successfully. The method is a simple and adaptable
technique for surface modification of Ti alloys.

Ti-2zirconium (Zr)-2niobium (Nb) alloy ingots were made in a 25 kg
vacuum induction furnace by melting and casting. The ingots were machined
into many specimens with a size of 20 mm X 20 mm X 8 mm. Before sintering,
specimens were polished and then rinsed with distilled water and acetone,
subsequently degreased with hydrofluoric acid (5%), washed with absolute
alcohol and dried. Nanometer titanium dioxide powders were prepared by
hydrolysis of titanium-tetrabutoxide with ethanol. The particle size of TiO,
powder in the anatase structure is mainly between 5 nm to 10 nm, as shown
in Fig. 8.1. Ti alloy specimens were embedded in nanometer TiO, powders,
sintered at 600 °C for one hour, and annealed at 500 °C for six hours.

The preparation of the nano-TiO,/Ti dioxide, powders by hydrolysis
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of Ti-tetrabutoxide with ethanol included two processes: hydrolyzation
and aggregation. Under favorable conditions the exchanges take place as
follows:

Ti(OC,Hy), + 4H,0 — Ti (OH), + 4C,H,OH 8.1]
Ti(OH), — TiO,(s) + 2H,0 8.2]

The Ti dioxide powder was examined by X-ray diffraction and TEM, and
the result showed that the particle size was mainly between 5Snm to 10nm.

Using this kind of nanometer Ti dioxide powders, Ti alloy specimens
were clad with TiO, and sintered at temperatures from 500 °C to 950 °C
for 1h (the temperature interval was 50 °C). When the sintering temperature
was low, such as at around 500 °C, the oxide film was too thin to form a
coating; when the temperature was high (800 °C), the TiO, particles tended to
grow, so the coating was not of a nanometer structure. The optimal sintering
temperature was fixed at 600 °C x 1h.

The microstructure of the sintered specimen surface was examined with
a Philips Tacnai F20 high resolution transmission microscopy (HREM) and
Philips XL30 TMP scanning electron microscopy (SEM). X-ray diffraction
(XRD) with the high—low temperature appurtenance was used to study the
phase composition of the sintered coating on the surface of the Ti alloy. The
specimens were cultivated in simulated body fluid (SBF) to test biocompatibility
and bioactivity. Measurements of ion consistency of SBF and blood plasma
were also performed with an XD685 electrolyte analyzing system. Table 8.1
gives the ion consistency of the SBF and blood plasma.

Figure 8.5a shows an HREM image of the synthesized nano-TiO, particles
and Fig. 8.5b shows an SEM micrograph of the coating. It is indicated by

8.5 (a) HREM image and (b) SEM micrograph of nano-TiO,
synthesized particles.
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Fig, 8.5a that the particle size of TiO, particles is about 50 nm—90 nm. The
oxide film is a very thin (<10pm) anatase-type TiO, (analyzed by XRD, as
shown in Fig. 8.6). The titanium surface is oxidized easily in the air when
the temperature is less than 500 °C. Because of the Ti dioxide powder on the
surface, the noncrystal layer grows more easily by the diffusion of oxygen.
As a matter of fact, there is a very thin TiO, film with a thickness of 3—5 nm
on the surface of Ti alloy before nanometer TiO, powders coating is formed,
and this thin TiO, film belongs to the two dimension nanometer material.
The interface between this thin TiO, film and the embedded nanometer
TiO, particles can disappear because both grow a larger crystal grain with
a thickness of 50-90 nm during the sintering processing. So the coating
and substrate are well knit. At the same time, the temperature is not high
and this can prevent particles from growing. However, the particle size will
be 4 um—6 pum if the specimens are enwrapped by ordinary commercial Ti
dioxide powders.

Theoretically speaking, nanometer materials possess much better
characteristics than ordinary materials. To test the biocompatibility of
nano-TiO,/Ti alloys, we dipped the materials in SBF to cultivate the Ca/P
layer, and Table 8.2 shows the ion consistency of SBF and blood plasma.
After seven days, the specimens were taken out of the SBF, washed and
the surface morphology observed (Fig. 8.7). From Fig. 8.7 we can see that
the Ca phosphates were deposited on the surface of specimens. The Ca/P
deposition layer consisted of cystiform polygons made up with irregular
nanometer circles, similar to honeycomb. The energy spectrum (Fig. 8.8)
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8.6 XRD pattern of nanometer TiO, coating.
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Table 8.2 lon consistency of simulate body fluid and blood plasma

Na* K* Ca?*  Mg? HCO;y CI° HPO,> SO,*
Blood plasma 1420 5.0 2.5 15 270 103.0 1.0 0.5
SBF 1420 5.0 2.5 15 4.2 1485 1.0 0.5

8.7 Surface morphology of nanometer TiO, coating after immersion
in SBF for seven days and annealed under vacuum at 500 °C for six
hours. (a) SEM microstructure of low-fold amplification, (b) SEM
microstructure of high-fold amplification.
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8.8 Element analysis of EDS for the layer of nanometer TiO,.

shows that the n(Ca)/n(P) atomic ratio is about 1.6:1, which is very similar
to that of HA and human bone. It can be concluded that nanometer TiO,/Ti
alloys possesses favorable biocompatibility.

The presence of the significant interface between nano-TiO, particles and
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the Ti alloy matrix represents excellent biocompatibility and bioactivity. So
Ca phosphates can be easily deposited on the surface of nano-TiO, particles.
Since TiO, is a ceramic phase with a high melting temperature, the interface
of nano-TiO,/Ti alloys is very stable at room temperature and elevated
temperatures. Analogous to the tailoring of these films through control
of pH and electrochemical cell potential (Kilpadi et al., 1998; Ask et al.,
1988—-89; Pham et al., 1997), the interaction between nano-TiO, particles
and the Ti matrix during annealing causes variations in the stable oxide
forms. Previous studies have specifically noted the potential toxicological
benefits of low vanadium oxide content of Ti implant materials (Kilpadi et
al., 1998; Ask et al., 1988—89), and hence the impact of the oxides evolved
during heat treatment and the related topic of diffusive behavior should
deserve significant attention.

Phase transformations occurring in TiO, particles and Ti alloy are
independent of both the crystal lattice and of the physical, chemical and
mechanical properties. Formation of the oxide phases of other elements such
as Zr and Nb diffused into Ti requires the removal of the outer layers from
cast and forged titanium products following annealing treatments, which is
very difficult, so the oxides of Zr and Nb cannot be found by XRD, as shown
in Fig. 8.6. Based on physical metallurgy, Zr and Nb existing in the solid
solution state can prevent severe decrease in fatigue and fracture resistance
(Donachie, 1988). Taken independently, the results suggest that heat treatment
under vacuum eliminate the formation of oxides for other elements in Ti
alloys at the interface; however, the absence of pure nano-TiO, particles on
the surface of Ti alloy is the desired biomaterial structure. Therefore, the
nano-TiO,/titanium alloy biomedical material can be fabricated using the
process whereby titanium alloys are embedded by nanometer titanium dioxide
powders and sintered in the high temperature furnace. TEM observation has
indicated that the particle size of TiO, is mainly 50 nm—90 nm. The coating
layer prepared by nanometer titanium oxide powders possesses excellent
biocompatibility. It is indicated by cultivation tests in simulated body fluid
(SBF) that Ca phosphates are deposited on the specimen surface, and the
n(Ca)/n (P) atomic ratio is about 1.6:1, which is similar to that of HA and
human bone.

8.4.3 Fabrication mechanism and characteristics of
surface micro-porous Ti as biomaterials

This chapter deals with the chemical fabrication technique of surface micro-
porous Ti. The pure Ti clad with potassium titanate whiskers was calcined
for a short time, then rapidly cooled, and then the surface micro-porous Ti
was achieved. The degree of surface roughness of the Ti samples was about
3-5 um, and this kind of surface micro-porous Ti can be used as an excellent
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implanting biomaterial with good biocompatibility and bioactivity. The surface
microstructure of the micro-porous Ti was observed and analyzed using SEM,
EDS, XPS and XRD, and the chemical formation mechanism of the surface
micro-porous Ti biomaterial has been discussed in this chapter.

As body hard-tissue implants, Ti matrix biomaterials are firstly selected
among all metal materials. Although Ti and its alloy have excellent
biocompatibility and mechanical properties, their surfaces are still bio-inert. At
present, the surface modification has become a main research field of Ti matrix
biomedical materials to improve further matrix materials’ biocompatibility
and bioactivity (Cui et al., 2003; David et al., 2002). Hydroxyapatite (HA),
as a kind of bioactive coating material, has been widely studied; implants
with plasma spray HA coating have been used in clinical orthopedics (Brown
et al., 1994; McPherson et al., 1995; Cheang et al., 1996). Because of its
low bonding-strength between coating and matrix, the HA coatings often
peel off from the matrix, which leads to a failure of the implants.

In order to increase the bonding-strength at the interface of bioactive
coating/matrix, surface micro-porous Ti was prepared by in situ reaction
processing. For the fabrication process pure Ti clad with potassium titanate
whiskers was calcined for a short time; this kind of surface can combine firmly
with the bioactive coating. The surface, micro-porous with a homogeneous
distribution of micro-apertures, is obviously different from those morphologies
obtained by other modification technologies. This fabrication processing has
several merits, such as low cost, simple fabrication processing, and short
preparation cycle.

The samples of surface micro-porous Ti were made in three steps, as
follows: (i) The first step was the preparation of the samples and their
pretreatment. The sponge Ti as raw material was melted and cast into pure
Ti ingots in the non-self-waste vacuum electrical arc furnace, and the ingots
forged into bar shapes. The forged Ti bars were machined into 10 mm X
10 mm X 2 mm experimental samples using a SPARK FW1 electric spark
line incising machine. Then the samples were burnished using a series of
sand papers, such as No0.280, No0.400, No.600, and cleaned in acetone by
an ultrasonic cleaner for 15 min. Then these samples were eroded in 10%
HF liquid for a short time. Finally, they were placed into distilled water to
be ultrasonic cleaned. (ii) The second step was selecting potassium titanate
whiskers with perfect length—diameter ratios as cladding powders. (iii) The
third step was embedding pure Ti samples in potassium titanate whisker
powders that were mixed with acetone liquid; these were placed into
a KSY12-16 programme controlling furnace and heated at the rate of
5 °C/min, sintered at 800~900 °Cfor a short time, and finally cooled rapidly.
A peeling layer can be wholly peeled off from the Ti matrix at the time the
surface micro-porous Ti was obtained.

The microstructure of the surface micro-pores and of the peeling layer

© Woodhead Publishing Limited, 2010



Biocompatibility and fabrication of in situ bioceramic coating 219

was examined with a Philips XL30 TMP scanning electron microscopy
(SEM), with an energy dispersive X-ray spectrometer (EDS). PHI 4300 X-ray
photoelectron spectrum (XPS) and Philips X’pert TMD X-ray diffraction
(XRD) were used to study the surface elements and the phase composition
of the peeling layer.

Figure 8.9a shows the cross-section microstructures of the titania oxided
layer obtained by conventional physical delaminating of the oxide layer on
the surface of a Ti matrix. It is clear that the titania layer is made up of two
sub-layers which contains coarse grains of TiO, and fine grains of TiO,. The
layer of fine grains is between the Ti matrix and the coarse grains. Figure
8.9b shows the surface morphology of the Ti matrix after the conventional
physical delaminating. Compared with general oxidation delaminating of
Ti (Fig. 8.9b), Fig. 8.10 shows various morphologies of the porous surface
titanium. It is obvious that these surface structures are markedly different.
Thus it can be seen that the cladding layer of potassium titanate whiskers
and the peeling layer, together flake away from the Ti matrix after the pure
Ti cladded with the potassium titanate whiskers has been calcined for a
short time, and then rapidly cooled. Finally, a micro-porous structure on the
surface of the Ti sample is gained. The morphologies of the surface porous
Ti were various with the change of parameters of processing, as shown in
Fig. 8.10a,b,c. and d.

In this study, it was found that the cross-section microstructures of the
peeling layer that made the surface micro-porous Ti (Fig. 8.11 and Fig. 8.12)
were also different from those of the titania layer after conventional physical
delaminating (Fig. 8.9a). Besides coarse grain TiO, and fine grain TiO,, a
directional layer grew on the fine grain TiO, and a layer of black powder
was synthesized between the directional growing layer and the Ti matrix.

(a)

Magn Db 20pm

Bl SE S

8.9.Microstructures of the titania layer after conventional physical
delaminating. (a) Cross-section microstructures of the titania, (b)
surface morphology of Ti matrix.
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8.10 Various morphologies of the surface porous titanium (a) porous
barrette surface (b) porous sandwich surface (c) porous pit surface of
(d) porous hollow surface.

By XPS analysis (Fig. 8.13a) it was affirmed that the layer of black powder
was TiO,, because the Ti2pl (binding energy) was 458.54eV, which was
near to 458.5eV of TiO,. As shown in Fig. 8.13b, the phase compositions
of the interior of the peeling layer were analyzed by XRD. The results of
the analysis indicated that the directional growing layer was composed of
TiO,, TiO, KTigO¢ 5, K,TigO7 and K;TigO3.

Based on an analysis of the microstructure of the peeling layer described
above, it is possible to discuss the formation mechanism of the surface
micro-porous Ti. The process of micro-porous Ti formation includes
chemical and physical delaminating. A diffusion reaction results in chemical
delaminating, and in the end chemical delaminating is transformed into a
physical delaminating during the processing where potassium titanate whiskers
are calcined on the Ti matrix. Under the common action of growing stress
and heat stress on the interface between the reacted layer and Ti matrix, the
exterior reacted layer becomes separated from the Ti matrix. Figure 8.12 is a
schematic diagram of the formation mechanism of the surface micro-porous
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8.11 Cross-section microstructures and element linear distribution
diagram of the peeling layer.

8.12 High magnification SEM images of areas A and B in Fig. 8.11.
(a) Area A (b) Area B.

titanium. It is obvious that the cladding of potassium titanate whiskers has an
intense effect on the sub-structures of the peeling layer. During the process
of heating, for Ti is an active metal, a thin layer of TiO, firstly forms on the
surface of the Ti matrix. Along with increase of temperature, the reactions
of potassium titanate in the cladding powders and TiO, are as follows:

K,Tig0,5 + 2TiO, — K,TigO,5 [8.3]
(1/2)K,TigO 3 + STiO, — KTigO 45 [8.4]
K,Ti 00 + 2TiO, — K,TigO}3 8.5]
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8.13 XPS and XRD analysis of the peeling layer with black powders.
(a) XPS; (b) XRD.

K, TigOy7, KTigO14 5, K, TicO13 and TiO, form a chemical delaminating. At
the same time, the diffusion of Ti ions and oxygen atoms continues at all
times. During the diffusion of the ions in this system, the radius of ion is
an important parameter. Here, R(Ti 2*) = 0.086 nm, R(Ti **) = 0.067 nm,
R(Ti #) = 0.053 nm, R(K*) = 0.133 nm, R(O") = 0.093 nm, and R(O*) =
0.21 nm. Because the radii of metals ion are less than that of oxygen atoms,
the moving space of metal ions is bigger. So the TiO, formed during the in
situ reaction grows on the outer surface of the front chemical delaminating.
During the process of subsequent heat and preservation, K,TigO 7, KTigO¢ 5
and K, TigO;5 whiskers grow up in virtue of outer TiO, and occur to directional
growth between TiO, and Ti matrix, which is consistent with references
(Cui et al., 2005; Venezuela et al., 1999; Cahn, 2001; Curry, 2001; He and
Antonelli, 2001). The thicker the outer TiO, is, the more difficult it is for
the oxygen atoms to diffuse in, so the entering diffusing oxygen atoms and
the Ti ions diffusing out are transformed into Ti-rich oxide (TiO) among
the K,TigO;7, KTigO4 5, K;TigO3 and TiO,. Furthermore, we find that the
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interface between the fine grain TiO, and the directional growing layer
is distinct and bonding firmly, as shown in Fig. 8.12a. The reason can be
considered as that the fine grain TiO, takes part in the reaction to synthesize
potassium titanate whiskers. Noticeably, a thin layer of black TiO, powder
comes into being between the Ti matrix and the directional growing layer,
but the formation of this layer of black powder still needs to be further
investigated. Due to the incompacted black powder, the bonding force between
the directional growing layer and the Ti matrix is less than that between
the fine grain TiO, and coarse grain TiO, (Tierney and Kim, 1993; Velev
et al., 1999; Jiang et al., 2001; Erlebacher et al., 2001; Bukaluk, 2001; Qu
et al., 2001), which leads to a physical delaminating on the interface of the
former. So the microcosmic characters of the surface micro-pores are directly
determined by the morphology and size of the potassium titanate whiskers
in the directional growing layer. Therefore, the potassium titanate whiskers
cladding the pure Ti have a great effect on the substructure of the peeling layer,
which is different from that of the titania layer after conventional chemical
and physical delaminating (Liang and Lian, 2003; Kokubo and Takadama,
2006; Sul and Johansson, 2001; Xuebin and Chuanxian, 2000; Cui et al.,
2005; Bu and Cui, 2007). The phase composition of the directional growth
layer on the surface micro-porous Ti is made up of K,TigO;7, KTigO g s,
K,TigO;5 and TiO,.

8.4.4 Fabrication and biocompatibility of nano-K,(TigO45)/
TiO, bioceramic composite coating on the surface
of Ti

A K,(TigO;7)/TiO, composite bioceramic coating on the surface of Ti
was prepared successfully by an in situ electrochemical technique. During
immersion in a simulated body liquid, the surface morphology, microstructure,
composition-of-phases, and bioactivity of the coating were evaluated. The
test results indicated that the K,(TigO;)/ TiO, bioceramic composite coating
had good biocompatibility and bioactivity.

As biomedical materials, Ti and its alloys are superior to many other
materials in several attributes, including biocompatibility and corrosion
resistance, and have mechanical properties similar to those of bone. So they
have broad application in hard tissue repair and replacement. However, Ti
and its alloys appear as bio-inert because of the compact passivation layer on
the surface. This character means that the Ca and P cannot be sedimentated
on the surface after implantation in bodies, and the combination between
the implant and the bone is only mechanical. But the surface bioactivity can
be improved by surface treatment. After the treatment, a bioactive layer can
be formed on the surface of Ti and its alloys. The common methods can
be classified in physics, chemistry and electrochemistry. Each method has
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its advantages and disadvantages. Compared to the physical method, the
chemical one operates easily and can form a homogeneous layer. But its
efficiency is low (Liang et al., 2003). The electrochemical method not only
has the advantages of the chemical one but also a high efficiency.

In this research, we fabricated a K,(TigO;7)/TiO, composite bioceramic
coating on a Ti surface by the electrochemical method, and the surface
topography, microstructure, composition-of-phases, and the bioactivity of
the coating were analyzed and evaluated.

The pure Ti was machined into many specimens with a size of 10 mm
X 10 mm X 1 mm. Then the specimens were milled using sand paper with
screen mesh 240, 400, 600 ordinally, and rinsed with acetone, absolute
alcohol and distilled water, and subsequently dried. The specimens were used
as the electrodes, and 0.5 mol/L K,COj; electrolyte was prepared. A voltage
of 20 V was applied for 20 min. After this step a TiO, layer was formed
on the surface of the anode. And then the electrodes were put into 3 mol/L
hot KOH electrolyte for 30 min and given a current density at 2 mA/cm?.
Finally the nano-K,(TigO7) layer was synthesized in sifu on the surface of
the TiO, layer. In order to evaluate the bioactivity of the K,(TigO;7), the
specimen was immersed in SBF (Kokubo et al., 2006). Using the Philips
XL30W/TMP SEM, Edax Phoenix EDS, Philips Tecnai-F20 TEM and Rigaku
XRD, the surface topography, microstructure and composition-of-phases of
the surface coating were analyzed.

Nano-TiO, layer synthesized by anode oxidation on the surface of Ti
matrix

After the first step treatment in the K,COj electrolyte, a blue film was obtained
on the anode. The thickness of the film was about 70 nm (Sul er al., 2001).
The SEM micrographs show that there were many even depressions. The
TEM electron diffraction indicated the film was rutile TiO,. From the structure
and the misty diffraction ring shown in Fig. 8.14 we can learn that the TiO,
film was nano-structured and the crystal was not fine. In other words, the
film on the surface of the Ti matrix was composed of nano-particles and
was amorphous TiO,.
The reaction at the anode/electrolyte interface is:

Ti — Ti** + 4e [8.6]
Ti** (ox) + 4H,0(aq) — Ti(OH)4(0ox)
+ 2H, — TiO,_,(OH),, + (2-x)H,0 [8.7]

After drying the gelatinous, TiO,_,(OH),, changed to TiO,.
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8.14 TEM micrograph (a) and diffraction pattern (b) of TiO,.

K2(Tig8017)

290

8.15 TEM micrograph (a) and diffraction pattern (b) of the surface
structure after post-treatment.

Preparation by an in situ electrochemical technique

At the second step the electrodes were put into 3 mol/L hot KOH electrolyte
for 30 min with a current density at 2mA/cm?”. After that the new coating
was observed and tested. Figure 8.15 shows that after the treatment, a layer
of K,(TigO,;) with a nano-crystalline grain appeared on the sample. The
XRD result (Fig. 8.16) indicated that this film was even and simplex. Based
on the observation of the diffraction halation in Fig. 8.2b and the diffraction
peaks at small angles (20 < 30°), it can be inferred that some amorphous
phases are present.

© Woodhead Publishing Limited, 2010



226 Metals for biomedical devices

1800 * - Ky(TigO17)
* W- TiO, rutile
1600 — o-Ti

1400 —

1200 —

1000

800

Intensity (CPS

600

400

200

0 —— sl
10 20 30 40 50 60 70 80
20 (degree)

8.16 XRD pattern of the surface coating after electrochemical
treatment.
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8.17 Schematic structure of electrical double layer at anode/
electrolyte interface.

Figure 8.17 is the schematic structure of the double layer at the anode/
electrolyte interface. The OH™ was concentrated near the anode. The TiO,
formed in the first step reacted with the OH™, so a gelatinous Ti(OH), layer
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was obtained. Subsequently this united with K* and become K,TigO,.
The electrode reaction is:

Anode: TiO, + 4 OH™ — Ti(OH), + O, T + 4e (8.8]
Cathode: 2H* + 2¢ — H,T (8.9]

So the total electrode reaction is:
8TiO, + 60H™ + 4H* + 2K* — K,TigO; + O, T + 2H, T + 3H,0
[8.10]

Figure 8.18 is the SEM micrographs of the K,(TigO7) coating surface. The
appearance of this coating is an even and distinct reticular formation. The
structure increased the roughness of the surface, and therefore the superficial
area. All of these offered sites for bone growth. Thereby the combination
between implant and bone was enhanced.

SBF cultivation

In order to evaluate the bioactivity of the K,(TigO;7)/TiO, composite coating,
the samples were dipped in 36.5 °C SBF in given periods. After three days,
some flocculent sediments and some sheet phases (Fig. 8.19a) appeared on
the coating. Seven days later, there were more distinct changes. The clear
reticular formation was covered completely by the sheet phases (Fig. 8.19b).
The EDS result (Fig. 8.20) showed that the phase contained Ca, P, O and the

&
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8.18 SEM micrograph of K,(TigO4;) coating.
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8.19 SEM micrographs of surface of K,(TigO4;) coating dipped in SBF.

ratio of Ca to P was about 1.67:1, which is similar to that of bones (Zheng
et al., 2000).

The structure of K,(TigO;7) is shown in Fig. 8.21. In its structure, the
coordination number of the Ti is six and the TiOg4 octahedrons connect with
each other at the edge and the corner to form a concatenate tunnel structure.
The K* is inside the tunnel isolating it from the environment so that it had
no chemical activity. The TiO4 became electronegative, so the Ca** was
adsorbed by the Coulomb force and could attract the HPO,>". Therefore
the Ca and P were supersaturated near the surface and it was propitious to
deposit the Ca and P. In addition, the reticular formation of the K,(TigO;)
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8.20 EDX spectra of titanium samples dipped in SBF.

8.21 Crystal structure of K,(TigO47).

increased the roughness, so that offered more nucleant points for the Ca and
P sedimentation. The deposited layer appeared in a short time. This layer
of Ca and P made the K,(TigO7) coating better advantaged to stimulate the
growth of bones and combine the bone with the implant — the coating has
fine biocompatibility and bioactivity.
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Therefore, a K,(TigO;7)/TiO, bioceramic composite coating with a
microstructure of nano-crystalline grain, amorphous on the surface, can be
prepared successfully on Ti by an in situ electrochemical technique. The
appearance of this composite coating is of an even and distinct reticular
formation. A layer of phosphate with a Ca/P ratio similar to that of bone was
deposited on the surface after the SBF cultivation in a given time. The test
of SBF cultivation indicated that the K,(TigO;7)/TiO, bioceramic composite
coating has fine biocompatibility and bioactivity.
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Forging of metals and alloys for biomedical
applications

M. CHANDRASEKARAN, Bio-scaffold International
Pte Ltd, Singapore

Abstract: Processing plays a vital role in the final properties achievable in
an artificial implant. The properties that are critical to an artificial implant
include: comparable or higher strength and modulus to that of bone, high
fatigue and wear resistance, fracture toughness and anisotropic elastic
properties similar to that of bone/tissue. This chapter reviews the process
of forging applied to implant materials, in particular their advantages and
disadvantages in terms of achieving the desired properties. A discussion
on the effect of various alloying additions on forging resistance and their
impact on biocompatibility is also included, besides the various die design
considerations. Finally, some of advanced methods of processing relevant to
forging is discussed.

Key words: cold and hot forging, isothermal forging of titanium, titanium
alloys, cobalt chromium alloys, stainless steel, die materials for forging, P/M
forging.

9.1 Introduction

Metallic materials have long been used in biomedical applications and can be
broadly divided into implantable and non-implantable metallic materials. In
these, the properties of implantable materials are critical since they need to
fulfill certain property requirements beside being biocompatible and bioinert
to the physiological environment. The most common metallic materials that
are used include titanium and its alloys, cobalt-chromium alloys, stainless
steels, and special alloys such as nickel-titanium. Much of the properties
of the end products (such as implants and fixation materials) are governed
by the manufacturing method used and have a significant impact on the
application design. Conventional methods of fabrication used were casting
and machining to shape. However, these had limitations in the final properties
achievable in the implant or the specified application. Forging of metals and
alloys used in biomedical applications overcomes some of the limitations
associated with other conventional methods of fabrication, especially in
terms of properties achievable. A typical example is 316L stainless steel
used for fixation plates, which is not heat treatable after fabrication. Cold
working or forging results in improved strength. This chapter focuses on
the fundamentals of forging of metallic materials and the typical forging
methodology used for biomedical applications.

235
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9.2 Fundamentals of forging and typical forging
process applied to metals and alloys for
biomedical applications

Forging is a process in which the work piece is shaped by compressive forces
applied through various dies and tools. It is one of the oldest metalworking
operations. Most forgings require a set of dies, and a press or a forging
hammer.

Unlike other metal forming operations, which generally produce
continuous plates, sheets, strip, or various structural cross-sections, forging
is predominantly used to produce discrete parts. Forging can be broadly
classified based on few factors, such as temperature, tools used for forging
operation, die design in forging, etc. However, the most common classification
is based on temperature and die design.

9.2.1 Cold and hot forging

Cold forging is an operation done normally at room temperature or near room
temperature. Metallurgically, any forging operation done below the recovery
temperature (0.2T,,—0.4 T, where T, is the melting point of the material) of
the material, thereby producing a work hardening effects is termed as cold
forging. On the other hand, hot forging is done at elevated temperatures,
typically > 0.4 T,,. Deformation at these temperatures reduces the flow
stress, making the metal or alloy easier to shape and less likely to fracture.
The temperature of operation is above the re-crystallization temperature of
the material (typically between 0.4T,—0.6T,) which eliminates any strain
hardening effect. Warm forging is done at an intermediate temperature
between room temperature and hot forging temperatures. Despite the three
classifications based on temperature, the terminology of warm forging is
seldom used. Alloying constituents have an important role on the forging
temperature classification and can lower or rise the temperature for hot
forging. Hot forging, besides eliminating the strain hardening, has many
advantages that include:

e decreased yield strength and hence lower flow stress, facilitating easier
plastic deformation at low loads

e increased ductility

e Reduced chemical inhomogeneities

e closure or elimination of pores during operation.

On the other hand hot forging has disadvantages such as:

e poor surface finish and dimensional control
e  oxidation or undesirable reactions between the material and the surrounding
atmosphere, etc.
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Cold forging has certain advantages, such as:

e better surface finish and dimensional control
e increased strength due to work hardening
e minimum contamination.

Despite these advantages, cold forging suffers from disadvantages such
as:

e higher yield strength and hence higher loads needed for deformation
poor ductility compared with hot forging

e intermediate annealing requirement, sometimes needed to address work
hardening
residual stresses, sometimes produced
Texture, sometimes formed.

Hot die and isothermal forging

One of the major problems associated with hot forging is the associated high
temperature which generally requires special die materials that can withstand
the temperature with a judicial compromise on the strength. However, in most
forging, the die material is kept at a lower temperature compared with the
forging temperature of the work-piece. A general problem associated with
such a set up is the heat transfer from the work-piece to the die surfaces,
causing thermal gradients in the work-piece. The cooler areas closer to the
die surfaces undergo less plastic flow than in the hotter core areas, so that
plastic flow is not uniform. The non-uniform plastic flow is caused by die
chilling. In conventional steel forging practice, dies for forgings are heated to
a maximum temperature range of 150 to 300 °C, depending on the equipment,
to reduce the effects of die chilling. Another way to reduce the die chilling
effect is to use lubricants that can form as thermal barrier between the work-
piece and the die surfaces. Die chilling can also be reduced or eliminated
by heating the dies nearer to the actual forging temperature or maintaining
the die at the same temperature as that of the work-piece. The process can
be classified as hot die forging when the temperature of the die is closer to
the forging temperature and isothermal forging when the die is maintained
at the same temperature as that of work-piece.

In general, most wrought implant materials such as alloys of titanium (T1)
and nickel (Ni) are forged in the range of 925 to 1260 °C. Conventionally,
Ti and its alloys are hot forged as isothermal forging of these alloys requires
special tooling materials, such as nickel-based super alloys and molybdenum
alloys for dies, and lubricants that can perform adequately at these temperatures.
Special attention to the surrounding atmosphere is also important, such as
the use of an inert gas or vacuum to protect both the dies and the work-piece
from oxidation.

© Woodhead Publishing Limited, 2010



238 Metals for biomedical devices

Hot die and isothermal forging offer advantages and disadvantages.
The primary advantages are closer forging tolerances, resulting in reduced
machining and material costs, a reduction in the number of pre-forming and
blocking operations, resulting in reduced processing and tooling costs, and
the use of slow ram speeds, resulting in lower forging pressures and the use
of smaller machines.

The primary disadvantages are the requirements for more expensive
die materials, uniform and controllable die heating systems, and an inert
atmosphere or vacuum around the dies and work-piece to avoid oxidation of
the dies. The typical production rates are very low in order to permit proper
die filling at the low forging pressures.

Warm forging

Forging operations typically carried out between the recovery temperature
of the material and that of recrystallization temperatures (0.2T,—0.4T,) are
normally termed as warm forging. This type of forging is preferred where the
strength and other properties need to be either maintained within tolerable
limits but not substantially higher than the initial value. Warm forging
has a number of cost-saving advantages over cold or hot forging methods.
Compared with cold forging, warm forging has the potential advantages of:
reduced tooling loads, reduced press loads, increased ductility, elimination
of need to anneal prior to forging, and favorable as-forged properties that
can eliminate heat treatment. On the other hand, the temperatures used for
warm forging are lower than that of hot forging operations, thus saving on
energy costs as well as eliminating the need for the special tools that are
required in hot forging operations. This type of metal working is limited
to temperature ranges of 0.2-0.4 times the melting point of the respective
material/alloy system. The operation produces a tolerable surface finish
with a slightly lower energy requirement. It also normally does not require
annealing in the intermediate stages of forging.

9.2.2 QOpen- and closed-die forging

Another major classification of forging is based on the die design and includes
open-die forging, closed-die forging and flash-less forging. Medical implants
are normally closed-die forged to shape.

In open die forging, Fig 9.1a, the die or punch carries the impression of the
product and the material is allowed to flow under the action of a compressive
load from the punch in the cavity. However, this type of forging is limited
to shapes that are simple.

Closed-die forging, Fig 9.1b, however, has the forging impression on both
the die and punch, with a land for flash material to flow. The material is
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9.1 Schematic illustration of open die forging (a—c) and closed die
forging (d) processes.

allowed to flow into the cavities of the punch and die to form the required
shape. This results in the production of a flash. The volume of the material
used in this type of forging is similar to the final volume of the product
with some tolerance. Most medical implants are produced using closed-die
forging followed by a finishing operation.

9.3 Properties for forgeability

The most important property that is required for good forgeability is the
plasticity in the material, which governs the deformation and flow stress of
the material.

The stress experienced by a work piece can be represented by equation
9.1:

o = Ke"é"T'G* [9.1]

where K is a constant depending on the material, € is the strain, n is the
strain hardening exponent, £ is the strain rate, m is the strain rate sensitivity
of the material, T is the temperature, 7 is the rate of change of temperature
with deformation, G is the grain size, and g is the rate of change of grain
size during deformation.

It can be clearly seen that as the strain hardening exponent or strain rate

© Woodhead Publishing Limited, 2010



240 Metals for biomedical devices

sensitivity increases, the flow stress increases substantially. In other words,
forgeability of the material is a function of strain, strain rate, temperature
and deformation rate. Besides this, various other factors do influence the
flow stress and hence the forgeability. They include, surface texture, plastic
anisotropy, billet size and temperature/preprocessing history of the billet.

The crystal structure of the chosen implant material plays a significant
role in the forgeability of the material because the flow stress depends on
the slip systems present. Both stainless steel (SS) and cobalt (Co)-chromium
(Cr) alloys exhibit FCC (face centered cubic) structure while Titanium (Ti)
exhibits polymorphism of two different crystal structures at room and elevated
temperature. The room temperature phase (often referred to as Alpha Ti) has
an HCP (hexagonally closely packed) structure, which has only three slip
systems active at room temperature; while the high temperature beta phase
exhibits BCC (body centered cubic) structure which has 48 slip systems. The
number of active slip systems in the alloy has a direct effect on forgeability
by affecting the flow stress of the material. Typically, alloy systems having
the HCP structure are the most difficult to forge, followed by FCC and then
BCC. Thus, when forging an alloy with an HCP structure, it is imperative
to activate more slip systems by increasing the temperature to make the
alloy forgeable, and thus the forging temperature of Ti alloy systems vary
from 8001200 °C while those of Co-Cr alloys and SS require temperatures
of 1100-1300 °C. Figure 9.2 shows typical crystal structures observed in
common implant materials

9.4 Microstructural development and its
consequences on properties

Forging results in metal that is stronger than cast or machined metal parts.
This is due to the grain flow caused through forging. As the metal is pounded,

(a) (b) (c)

9.2 Schematic illustration of crystal structure in a unit cell of
common implant materials (a) BCC (beta Ti), (b) FCC (SS and Co-Cr
alloys) and (c) HCP (alpha Ti).
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the grains deform to follow the shape of the part; thus the grains are unbroken
throughout the part. Some modern parts take advantage of this for a high
strength-to-weight ratio.

Many metals are forged cold, but iron (Fe) and its alloys are almost
always forged hot. This is for two reasons: first, if work hardening were
allowed to progress, hard materials such as iron and steel would become
extremely difficult to work with; secondly, steel can be strengthened by
other means than cold-working, thus it is more economical to hot forge and
then heat treat. Alloys that are amenable to precipitation hardening, such as
most alloys of aluminum and titanium, are also hot forged then hardened.
Similarly cobalt-chromium is hot forged while it is preferable to perform
cold working of stainless steel as strengthening is achieved by cold working.
Other materials must be strengthened by the forging process itself.

9.5 Forging of metals and alloys for biomedical
applications

9.5.1 Forging of titanium and its alloys

The use of Ti and its alloys in clinical applications dates back to the early
1950s owing to its excellent corrosion resistance, biocompatibility and high
strength-to-weight ratio. However, the processing of Ti and its alloys has
been a major challenge due to its high reactivity at elevated temperatures.
The conventional method of processing includes vacuum casting followed
by machining. Machining of Ti and its alloys is a major challenge due to
its poor thermal conductivity, necessitating the use of high-speed machining
with a suitable coolant to prevent galling. On the other hand, deforming Ti
and its alloys (forging) to the required shape followed by finish machining
is difficult because titanium is highly strain-rate sensitive. Moreover, Ti and
its alloys exhibit polymorphism and the allotropic transformation occurs at
882.5 °C for pure Ti; this temperature varies with the alloying additions.
The alloying addition can be either an alpha or beta stabilizer, depending on
whether it increases or decreases the transformation temperature. Alpha/beta
stabilizers can be classified as either isomorphous or eutectoid stabilizers,
depending on the crystal structure of the additive. The eutectoid stabilizers
result in transformation of beta phase into alpha with the corresponding
alloying element upon slow cooling. Hence, in order to retain the beta
phase at room temperature, quenching is preferred. In the case of alloys
using isomorphous stabilizers, show cooling does not result in reverse phase
transformation to alpha Ti and the respective alloying element. Hence, for
eutectoid stabilizers it is recommended that the alloy be quenched from its
beta transformation temperature to retain partial beta phase upon cooling.
Vanadium (V) and molybdenum (Mo) are typical examples of isomorphous
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beta stabilizers while Fe, Cr and silicon (Si) are eutectoid beta stabilizers.
The most commonly used alloying element — aluminum (Al) — is an alpha
stabilizer. Pure beta phase alloy can be rolled to about 90% reduction in
thickness. Alpha and near alpha Ti are not heat treatable/weldable and have
limited formability at room temperature. Alpha-beta or beta titanium alloys
have reasonably good formability. Alpha or near alpha alloys are strengthened
by inducing cold work or plastic deformation. Various grades of Ti and
its alloys are being used in implants, including commercially pure Ti in
dental implants and maxillofacial applications and specific alloy systems
such as Ti—6Al-4V in hip and knee prostheses, trauma fixation devices
and implants. Commercially pure Ti offers excellent corrosion resistance
and biocompatibility but is restricted by its lower strength and poor wear
properties. The microstructure of titanium has considerable effect on the
deformation behavior and work hardening rate of titanium. This property
is exploited in strengthening Ti and its alloys as well as for deformation
processing of Ti and its alloys (forging). The most commonly used Ti alloy
(Ti—6A1-4V) has an alpha-beta structure. The flow stress of the alloy is very
high at room temperature leading to poor formability but, on the other hand,
causing less contamination as the billet is maintained at room temperature.
Raising the temperature of Ti and its alloys induces oxygen and hydrogen
contamination, affecting the deformation despite an increase in the number
of active slip systems. Thus, the deformation needs to be carried out at
temperatures close to beta transus, activating more slip planes. However,
Ti is highly oxidative above 600 °C since the stable Ti oxide film normally
formed is broken, exposing the nascent Ti surface and increasing the rate of
oxidation. Thus, the deformation of Ti and its alloys near the beta transus
temperature needs to be carried out in a controlled environment in an inert
atmosphere to minimize or eliminate the oxidation thus increasing the
processing cost. Ti and its alloys are forged at temperatures ranging from
900 to 1200 °C, depending on the grade of pure Ti or the alloying additions
used. The deformation behaviors of Ti and its alloys are much dependent on
the phases present at the deformation or hot working temperature. Typically
in an alpha-beta system, the deformation is controlled by either the alpha or
the beta phase, depending on the temperature selected for the hot working.
To improve properties such as wear resistance, surface modifications such
as ion nitriding or coating are used. Some of the typical alloys which are
used include Ti—-6Al1-4V, Ti-5Al-2.5Fe, Ti 6Al-7niobium (Nb). Ti alloys
also exhibit super plasticity (elongations ranging from 200 to 2000%) if
they meet certain criteria such as fine grain size and have a suitable grain
refiner. Recent developments are directed towards application of super plastic
forming for fabricating dental implants. The typical flow stress of Ti alloys
is above 400 MPa at room temperature but this drops to <50 MPa at about
900-1100 °C. Moreover, Ti and its alloys work-harden easily, necessitating
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Conventional hot Isothermal
forging forging
150-300 °C 950-1200 °C
Carried out in air resulting in Process controls. Carried out in
uncontrollable large falling air. Speed, force, temp. inert environment,
Potential contamination from Atmosphere controlled lowering
surrounding atmosphere during of ram
transfer
950-1200 °C 800-900 °C 950-1200 °C ~ 950-1200 °C
Preform Forging Preform Forging
150-300 °C 950-1200 °C
Heat resistant steel Ni or Mo alloys

9.3 Schematic illustration of typical hot forging and isothermal
forging of Ti alloy. Adapted from Titanium in Medicine, with kind
permission from Springer Science and Business Media.

intermediate annealing steps before the final shape is arrived at, when it is
either cold worked or warm forged.

Figure 9.3 illustrates the typical steps involved in hot forging and isothermal
forging. Table 9.1 lists typical properties of various grades of Ti alloys.

Ti alloys are a good choice for permanent implants, due to their high
corrosion resistance (spontaneous self-passivation, or development of oxide
surface layer). Most Ti alloys for implants are typically fabricated by combined
forging and annealing. Despite the fact that the Young’s modulus of the
common Ti alloy used for implants (Ti—-6Al-4V) is = 50% lower than stainless
steel, thus reducing the stress shielding, the modulus of the alloy is still six
times that of bone: this is critical, especially in wrought (forged) alloys, as
mechanical properties are better than the cast alloys. Major disadvantages
include reduced fatigue life, due to the presence of stress concentrations,
and high wear rates.

9.5.2 Forging of Co—Cr alloys

The use of wrought Co—Cr alloys in clinical applications goes back to the
early 1950s, replacing cast components owing to better mechanical properties
such as fatigue life and strength. Despite the fact that there are many cobalt
based biomaterials, two main alloys, namely cast Co—Cr alloys and wrought
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Table 9.1 Typical properties of Ti and its alloys commonly used in

implants
Material ISO Ultimate tensile Elongation to
code strength, MPa failure (%)

Grade-1 5832-2 240 24

Grade-2 5832-2 345 20

Grade-3 5832-2 450 18

Grade-4 5832-2 550 15

Ti-6A-14V 5832-3 860 10
Ti-6AI-7Nb 5832-11 900 10

Note: Table consolidated from various references.

Co—Cr alloys, are used. Co—Cr alloy has an austenitic structure (FCC)
which is stabilized by the presence of Ni, Fe and manganese (Mn), thus
avoiding the change of crystal structure to BCT (body centred tetragonal)
which is difficult to process. The presence of Ni improves the forgeability
of wrought Co—Cr alloys. From a biocompatibility perspective, Co, Cr and
Ni are not preferred as individual ions as Ni and Co are found to cause
allergies while Cr is toxic. Though wrought Co—Cr alloy as such does not
cause any toxicity, the elution of metal ions is a serious concern because Ni
is also carcinogenic. Thus, the Ni content needs to be reduced or eliminated
to avoid the toxicity issue. This results in a contradicting situation whereby
the removal of Ni will affect the workability of the material. Wrought Co—Cr
alloys are hot forged and intermediate annealing may be required before
arriving at the final shape. Due to the difficulty associated with machining
Co—Cr alloys, it is preferable to perform a closed die forging operation to
minimize the finish machining. Forging of Co—Cr alloys normally requires
a sophisticated press with heat-resistant tooling, since it is difficult to work
at lower temperatures and isothermal or hot forging is desired with an
intermediate annealing process.

The metallurgy of cobalt-chromium alloys is identical to that of the
cobalt-based super alloys, and solid solution strengthening is produced by
the presence of alloying elements. Formation of carbides also increases the
strength. Therefore, the carbides should be minimized in order to be able
to work the wrought alloys. The order of carbon content is about one fifth
of that of the casting alloys. In addition to this, reduction of Cr content
contributes to enhanced workability of Co—Cr alloys. Recommended practice
is to heat treat Co—Cr alloys within 900 to 1150 °C before hot working, such
as forging, is done. By controlling the forging ratio, the microstructure of
Co—Cr alloys can be controlled to obtain good fatigue strength and wear
resistance. The forging of Co—Cr alloys is carried out in a similar manner
as that of titanium, except for the change in the working temperature, which
varies typically from 1150-1300 °C.
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Co—Cr-Mo alloy also is a good choice for permanent implants, due to its high
corrosion resistance. Generally, cast parts have poorer mechanical properties
than 316L stainless steel and the mechanical strength is enhanced by forging
or hot isostatic pressing, which reduces grain size and the concentration of
defects. Typical disadvantages include high cost and limitations on component
complexity.

Table 9.2 lists the typical properties of Co—Cr alloys used in implants.

9.56.3 Forging of stainless steel

Stainless Steel (SS) are generally preferred for short term implants where the
implant can be removed within one to two years. SS materials that are used
in implants are normally not heat-treatable and thus much of their mechanical
properties are tailored by performing cold work. They find use in components
such as bone screws, plates and other temporary fixation devices. SS used
for implants are austenitic and have good formability. Typical hot working
temperatures are around 1100 to 1250 °C. Rapid cooling upon completion
of hot working is not required in the case of implant materials such as 316L,
since there will be no detrimental precipitation of carbides. Precipitation of
carbides affects the corrosion resistance and ductility.

Table 9.3 lists the properties of various stainless steels used in implants.

9.5.4 Forging of shape memory alloys

Shape memory alloys are used in applications such as osteo-synthesis plates
and dental braces. They derive the name due to their property of remembering

Table 9.2 Typical properties of Co-Cr alloy used in implants

Material ASTM,  Yield Ultimate Ultimate Hardness Bending
code strength  tensile elongation (HRC) strength
(MPa) strength (%) (MPa)
(MPa)
Cast F75 450 655 8 NA 300
Forged F799 827 1172 12 35 600
Wrought and F1537 517 897 20 25
annealed
Wrought and F1537 700 1000 12 28
hot worked
Wrought and F1537 827 1172 12 35
warm worked
Annealed F562 800 40
Annealed F563 276 600 50
Cold worked F562 1200 10
Cold worked F563 1310 12

Note: Table consolidated from various references.
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Table 9.3 Typical properties of stainless steels used in implants

Material ASTM Yield Ultimate tensile Ultimate
code strength strength elongation

(MPa) (MPa) (%)

DIN 17443 5832-1 490-690 40

REX 734 5832-9 740 35

In development P2000 980 55

316L 205 515 40

DIN 17443 CW* 860 12

REX 734 CW 1060 12

In development CW 1200 12

316L CW 690 860 12

* CW-cold worked
Note: Table consolidated from various references.

the prior shape, even if it has undergone significant deformation. One such
shape memory alloy used in implants is Nitinol (Ni-Ti Alloy). Nitinol
undergoes forging and rolling at elevated temperatures after the ingot is
produced. Typical hot working temperatures are around 800 to 900 °C, when
the workability of the material is good with minimal surface oxidation. Hot
working processes improve the mechanical properties of Nitinol by adjusting
its microstructure. Following hot working, Ni-Ti alloy is cold worked and
heat treated to obtain the final dimensions with desired properties. Ni-Ti
alloy undergoes rapid work hardening, thus necessitating multiple reductions
with intermediate annealing steps at 600—800 °C until the final shape and
size are obtained. A major problem associated with Ni-Ti alloy forming is
the spring back, thus requiring over deformation in order to release the stress
and achieve the desired shape. Another option to counteract the spring back
is to heat treat the part under constraint.

9.6 Die materials and die design for forging

Hot work die steels are most commonly used in forging dies for working at
temperatures of 350 to 650 °C. The hot work die steels usually contains carbide-
forming elements such as Cr, tungsten (W), Mo. These alloying elements
form carbides that induce hardening with high resistance to softening.

For hot forging, the die material should possess the following
properties

uniform hardenability

good abrasion resistance

high hardness

toughness

good mechanical and thermal fatigue strength.
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Besides the selection of the die material, it is imperative that the die design
takes into account properties such as metal flow and ensures minimal losses
into flash. Thus, die design for multi-stage forging and corresponding pre-
formed designs are critical for obtaining defect-free forging. Both the pre-
form die design and pre-form shaping in work pieces are critical to obtain
a successful and economic forging. Therefore, the pre-form shaping is done
either by machining or by open die forging until the required shape for the
final closed die forging operation is achieved. The pre-form shaping operation
has to be carefully selected in order to avoid stress concentrations or non-
uniform stress distribution in the pre-form. This will affect the flow stress of
the material in different regions and thus the plasticity. Recent developments
in the field of modeling help to overcome the limitations of conventional
trial and error methods to obtain optimum pre-form designs and die designs.
Finite element modeling helps to identify non-uniform stress states that arise
due to different processing methodologies, and optimize the pre-processing
conditions and the die design for pre-processing.

For Isothermal forging, the die material should possess the following
properties:

e good mechanical and fatigue strengths at elevated temperature
e good abrasion resistance
e hot hardness and toughness.

Isothermal forging is typically carried out between 900 and 1100 °C,
depending on the material being forged, and die steel materials do not meet
the required strength criteria at elevated temperatures. Thus isothermal forging
necessitates the use of Ni super alloys or Mo alloys for the die. One of the
major problems associated with hot die forging and isothermal forging is
the poor tool life, as opposed to closed die forging, which also affects the
economics of forging.

9.7 Powder metallurgy forging of metals and alloys
for biomedical applications

Powder metallurgy (PM) forging is a process whereby a sintered powdered
metal part is forged using conventional closed die forging to attain the final
shape. A recent development in the field of medical implants is the production
of porous metallic implants by the above mentioned process using Co-based
alloys or Ti alloys. This type of forging is preferred for improving the osteo-
integration of the implant as well as to address the limitations associated with
conventional wrought alloys such as limited plasticity and high flow stress.
Especially, isothermal forging of Ti and Co based alloys require expensive
tooling materials, such as Ni-based super alloys or Mo alloys for dies, and
special lubricants. Moreover, use of the PM process to produce the pre-form
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required for final closed die forging contributes to the cost advantage, thereby
improving the economics of forging of such alloys.

9.8 Summary

Artificial implants should possess certain properties such as good dimensional
tolerance, ability to be modified during surgery to fit the patient, high fracture
toughness, good fatigue resistance, comparable strength and modulus to that
of bone, and high wear resistance. Besides these properties, requirements
for tissue biocompatibility, high purity, and reproducibility also need to be
satisfied. Thus processing plays a vital role because some of the properties such
as strength, modulus, fracture toughness and fatigue resistance are adjusted
during the processing. Besides this, the need for anisotropic elastic properties
similar to bone is an important criterion and is solely dependent on processing
methodology. Forging of metals and alloys for biomedical applications has an
important place in the fabrication methodologies adopted. Forging improves
the strength that is critical for certain applications. However, forging has
certain limitations with respect to fatigue properties, which are affected by
the strength and hardness of the material. Typically, the higher the strength
and hardness, the higher the resistance to fatigue, but this could lead to poor
ductility and the device may fail catastrophically as crack propagation is fast.
This becomes critical as the type of forging adopted prescribes the surface
finish and strength. The surface finish plays a vital role in crack initiation
which is therefore affected by the forging process. This becomes especially
critical in Ti and its alloys, which also have poor wear properties. Thus it
may be necessary to subject the metal and alloys to secondary processing
such as finish machining or coating to improve surface properties. On the
other hand, materials that are difficult to strengthen by heat treatment can
be strengthened by cold working.

Another recent development is powder forging technology, which
overcomes the limitation of having to use expensive tooling for the production
of preforms, and also offers the advantage of a relatively porous material.
Despite the advantages of forging, such as improved strength where heat
treatment is a challenge, the cost benefits and economics of forging over other
methods of fabrication need to be evaluated before designing the process to
be adopted.
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Surface treatment

R. THULL, University of Wuerzburg, Germany

Abstract: The chapter covers surface properties of biomaterials that are
essential for the interactions between implants in the human body. The
interactions, of course, depend on the location, including the biological
environment, the mechanical functional requirements and the duration

of application. Required properties that have to be achieved by surface
modifications are non-toxicity concerning eukaryotes and an antimicrobial
potency against pathogenic prokaryotes. The interaction of eukaryotes and
prokaryotes depends on the properties of the biomaterial’s surface, the fitting
tissue and the appropriate body fluid at the implantation site. The goal of the
chapter is to show the possibilities of influencing the biocompatibility and
the antimicrobial efficacy by physical surface modifications, namely surface
structuring and modifications generated by physical vapor deposition of
distinct, problem-oriented surface materials.

Key words: surface structuring, surface modification, biocompatibility,
bactericidal surface.

10.1 Introduction

Metallic, polymeric, and ceramic materials are used in medical implants and
comply, in most cases, with the requirements asked of functional properties
at the application site with respect to biocompatibility and duration within the
body. But the ambient mediums at different application sites are different,
mostly extracellular fluids or blood, or the medical devices interact with
different biological materials, e.g. soft or hard tissue. The function of the
medical device within the body (being in contact with, generally speaking, parts
of the biosystem) brings the need for particular properties of the material’s
surface. These are various mechanical structures, other physical properties
such as high or low hardness, different electronic structures, and particular
chemical functions attained, for example, certain by biomacromolecules or
parts of them. The surface treatments have, in the broadest sense, the task of
improving biocompatibility with respect to the desired or undesired interactions
with the biosystem or to conform with the functional requirements.

Another challenge for surface modifications is achieving antimicrobial
properties, which may be accomplished by inserting drugs such as antibiotics
in the surface material, or by coupling biochemically active molecules or
groups directly onto the surface via suitable spacers. Another way is coating
with heavy metals — silver is often used.

Particular functions that have to be reached with surface treatments are

251
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one side of the problem. The other side is the necessity to keep the treated
material, including the surface modification, sterilizable and mechanically
stable enough to withstand shear forces arising during the insertion of the
medical device into the body.

Filling the above mentioned requirements needs scientific competence
and biological knowledge, in order to communicate with the clinician,
discussing therapeutic needs of the patient and requirements of the user.
It simply needs bioengineers. Bioengineering is a basic research-oriented
activity, closely related to physics, material sciences, chemistry, biology and
medicine, designed to enable developers to understand, modify, or control
human biologic systems as well as design and manufacture products that
assist technically in the treatment of patients.

10.2 Surface structuring

The surface treatment of a material used in a specific medical device has
to consider various factors, such as substrate mechanical origin, implant
design and the manufacturing process, as well as the surgical technique used
for insertion into the body and the condition and activities of the patient.
Materials for applications in maxillofacial and in orthopedic surgery, in
heart surgery, and for other applications of technical therapeutics within
the cardiovascular or in contact with parts of the central nervous system are
often surface treated, used in such implants are stainless steels, especially
type 316 L, cast or forged cobalt (Co) chromium (Cr) alloys, titanium (Ti)
of different grades and alloys of alpha- and beta-type. Metallic materials
have the advantage of ductility and fatigue strength. In particular, titanium-
based materials as pure metal or as alloys are, for many applications, the
biomaterials of choice. Their unique biocompatibility is derived from the oxide
layer, which arises spontaneously during passivation within the body fluids.
This is true as long as the passivating oxide is dense and is not destroyed by
mechanical forces arising during insertion or function. Because of the low
shear resistance of the oxide layer, titanium is a candidate for a treatment
to stabilize the surface against wear and tear.

Implantation site dependent metallic substrate materials, as well as
polymers and even inert ceramic materials, should be provided with one or,
if functionally indicated, several modifications providing, for example, wear-
resistant or osteophilic or anti-thrombogenic properties or cell-proliferation
inhibition in situ.

Minimum criteria to all surface treatments are:

e suitable for cleaning and sterilization
e Jocus and functionally oriented biocompatibility
e sufficiently high mechanical stability against shearing forces
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e Jong-term chemical stability and degradation resistance.

Optionally, surface modifications should provide distinct properties of
interaction with molecules or cells of the biological environment. These would
promote, for example, the adaptation or in growth of cells or tissue onto
the surface of fixation elements of artificial joints, or avoid cell interaction
with the surface to inhibit endothelial cell proliferation to keep, e.g., stents
efficient, providing them with a suitable surface for blood contact.

Based on the required properties, the treatment could be a mechanical
structuring from the macro- via the micro- up to the nano-scale, or simply a
hard coating, or the modification with a non-, semi- or electrically conducting
surface material, applied with the aid of various processes including physical,
chemical, biological, and hybrid procedures, as summarized in Fig. 10.1.
Modifications have a multitude of biomaterial applications: wear resistance,
prevention of substrate metal-ion release, barrier layers, and low-friction,
haemocompatible, non-thrombogenic surfaces. In addition, the concept of
bioactive coatings that promote certain cell responses, such as hydroxyapatite
surfaces on bulk titanium or surface coatings for tissue-engineering scaffolds
using titanium wires and meshes, is currently of considerable interest to the
biomaterials community. PVD (physical vapor deposition) and CVD (chemical
vapor deposition) coatings have played a significant role in such coating
developments, along with plasma spraying, sol-gel routes and physical and
chemical surface modifications. It is beyond the scope of this chapter to
discuss every possible surface structuring developed. Without the restriction of
universal validity, the structuring of materials will be outlined in this chapter
exclusively concerning physical methods of structuring, mostly applied to
titanium-based materials as substrates. CVD processes, with suitable process
parameters, permit the production of similar or equivalent thin film coatings
to those produced by PVD processes.

Mechanically.....nano-

structured |'\J_U_U_U_LI—U_\_I_U_\_F|

o

10.1 Surface modifications of materials used in implants or other
medical products in contact with human tissues, mechanically or
electronically structured, have to be developed with respect to
application site and function.

Physically, semiconducting
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10.3 Physical modifications

Physical methods include mechanically removing surface material, and
coating techniques. Mechanical surface structuring on materials for surgical
implants can be achieved through material ablation by means of machining,
sandblasting or applying a liquid jet. The material can be micro-structured
uniformly or quasi-fractal. Media used for sandblasting should be chosen
so that contamination with materials foreign to the species are excluded.
If, for instance, aluminum (Al) oxide abrasive is used for the structuring
of Ti alloys, contamination of alumina in the abraded metal surface can be
detected. This problem can be overcome by coating the Al oxide grains in a
barrel finishing procedure with the aid of Ti oxide. The mechanical surface
structuring of ceramics can be also be achieved with a sandblasting process
if the ceramic is presintered in a temperature region below the finished firing
temperature.

Another way to manufacture random, irregular surfaces with defined
dimensional properties is by exposing the surface to a reactive plasma in
a chamber wherein a reactive plasma produces a reaction product with
the surface, thereby etching the surface. Of course, an etched surface can
also be achieved, depending on the material, with the aid of a chemical or
electrochemical etching process.

The surface can be structured in a vacuum chamber via a precipitated
modifying surface material. The methods applied are, among others, PVD
(physical-vapor-deposition), or PECVD (plasma-enhanced-chemical-vapor-
deposition), and VPS (vacuum-plasma-spray) techniques. Derived from
the latter is the FS (flame spray) technique. With PVD and PECVD, a
semiconducting modification of surfaces can be achieved to enable specific
adsorption reactions of biomacromolecules from the biosystem shown in
Fig. 10.2.

The decreasing biocompatibility of partly-destroyed oxide films on metals
require surface modifications to restrict surface damage in practice due to
shearing; or to introduce specific selective adsorption/desorption mechanisms
or an inhibition/promotion of electrochemical reactions between materials’
surfaces and the components of the biosystem. A surface structuring should
have communication properties to the biological environment.

PVD and PECVD surface modification procedures are performed mostly
to achieve identical goals. Biomaterial coatings have been investigated
using both PVD and CVD techniques. For example, a number of CVD and
PVD techniques have been used to modify materials’ surfaces with titanium
nitride, titanium carbide, hydroxyapatite and diamond-like carbon for use by
themselves or in multilayer coatings such as Ti/TiN/TiCN/TiC/DLC (diamond
like carbon) to optimize mechanical and biological performance.'

Thin film modifications must have a sufficiently high connection to the
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10.2 Integrin as cellular receptor for fibronectin coupled at a
semiconducting electronically structured surface primarily prepared
on metallic substrate materials.

substrate throughout the range of conditions to which the implant is exposed
in service. Obviously, the modification has to tolerate the stress and strain
variations that any particular part of the implant normally imposes on the
structured surface. Conditions for the coating process must be consistent with
the substrate to be coated. The process itself must not damage the substrate.
For titanium, this means that any process that involves heating the substrate
to high temperatures needs to be assessed carefully. The coating must not
induce failure in the substrate nor introduce impurities in the surface, which
may change interface properties.

PVD leads to modifications by reaction between a substrate surface
and an adjacent vapor, which supplies the particles — atoms, molecules or
ions — generated from a target and transported to the substrate surface, on
which condensation and reaction with atoms of the surface lattice take place.
Additional to the particle vapor type, particle energy, density, substrate
temperature and reactive gas properties are significant parameters of the
surface structuring process. Partial pressures of inert and/or reactive gases,
partial vapor pressure, composition and in particular particle energy are the
most important parameters distinguishing PVD from CVD.

PVD processes are characterized by high film growth rates, strong
adhesion, multi-component layers, low substrate temperatures, and a wide
range of possible modifications and substrate materials. Multilayers can be
produced without process interruption. Important characteristic properties
of PVD coatings are thickness, roughness, hardness, strength and adhesion,
as well as structure, morphology, stoichiometry and internal stresses.

PVD modifications applied as functionalizations of surfaces in implants
have to consider the biological environment, consisting of fluids, cells or
tissues of the body — and bacterial contaminations. Furthermore, tribological
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pairings in, for instance, artificial joint implants define the right choice of
the surface material.

The principle of the PVD technique, which is sometimes called ion plating,
is summarized in Fig. 10.3 and is characterized by energetic bombarding
particles that cause changes in the substrate surface and influence the surface
modification. Generally, the energetic particles are gaseous ions arising from
the extraction of ions from a confined plasma and acceleration of them to a
high energy. They may also be negative ions accelerated from a negatively-
biased compound or alloy sputtering target, ions from vacuum or plasma
arcs, or ions from special ion sources.? The implantation of the bombarding
species results in a compaction of the near-surface region and the formation
of a compressive stress in that region.

10.4 Strength of modifications

The mechanical stability of a surface modification depends on the deformation
and fracture models associated with failure. Energetic particle bombardment
prior to and during the initial stages of film formation may enhance adhesion
by removing contaminant layers, changing the surface chemistry, generating
a microscopically rough surface, increasing the nucleation density by forming
nucleation site defects, implanting and recoil implanting species, increasing
the surface mobility of adatoms, and creating lattice defects and introducing
thermal energy directly into the surface region, thereby promoting reaction
and diffusion. These effects will also improve surface coverage and thus
decrease the number of interfacial voids which result in easy fracture and
poor adhesion.

Process Steps Parameters
Substrate
Substrate temperature
S. Modification . .
Film Reactive and/or
assembling neutral gases
Particle Particle density
transport
. Particle energy
Target Par_t|cl_e
emission

10.3 The essentials of physical vapor deposition (PVD) processes.
Evaporation, sputtering and ion plating are PVD processes. lon
plating is a hybrid process with a large application range in implant
surface modification.
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10.5 Interface modulation and biocompatibility

ISO 10993 gives guidance on the fundamental principles governing the
biological evaluation of medical devices, the definition of categories of devices
based on the nature and duration of contact with the body, and the selection
of appropriate tests. It covers, besides medical devices and final products,
materials that are defined as any synthetic or natural polymer, metal, alloy,
ceramic or other nonviable substance, including tissue rendered nonviable,
used as a device or any part thereof.

In the selection of materials to be used in device manufacture, the first
consideration should be fitness for purpose with respect to the characteristics
and properties of the material, which include chemical, toxicological, physical,
electrical, morphological and mechanical properties.

The following items should be considered for their relevance to the overall
biological evaluation of the device:

processed material(s)

intended additives, process contaminants and residues

leachable substances

degradation products

other components and their interactions during final use of the
product.

For an overall assessment, the biological evaluation performed should be
considered in conjunction with the nature and mobility of the ingredients in
the materials used to manufacture the device, and other information, further
non-clinical tests, clinical studies, and post-market experience.

If surface structuring is applied to implants, it will be in contact with
tissue/bone (e.g. replacement joints, and intraosseous devices and/or blood
(e.g. pacemaker electrodes, heart valves, and ventricular assist devices).

The most important properties of PVD and CVD coatings in the macro
range are thickness of modification, roughness, hardness, strength and — most
important of all — adhesion. In the micro range, the significant properties are
structure, morphology, stoichiometry and internal stresses. Surface materials
should always be considered as systems including not only the modifications
themselves but also the adjacent environment where they have to perform
their function.?

10.6 Future developments and optimizations

Modifications of interest will be described in future (beyond presently
used attributes such as hardness, ductility, corrosion resistance, and aspired
reactivity with parts of the biosystem) by the electronic structure and specific
adhesion of distinct biomacromolecules and cells. Surface structuring will
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be adapted to specific functional needs. In particular, biocompatibility of
materials will no longer be discussed in general but more specifically to
distinct requirements that are, for example, beyond compatibility with respect
to eukaryotes to distinct applications for a defined incompatibility against
procaryotes. Surface structurings of materials will be developed in the
direction of specific requirements of implants, e.g. for properties to fixation
elements of artificial joints to improve the contact with the surrounding hard
tissue, or to inhibit the adhesion of microorganisms. Materials of cardial
stents have to be structured to avoid cell proliferation provoking restenosis.
Of course, for an extensive improvement of stent therapy, there needs to be
a change of stent design to avoid mechanical irritations of the vessel, which
are proposed another reason for cell proliferation.

Further future developments in surface structuring have to consider
improvements of the inner surfaces of three-dimensional cell carriers. Outer
and inner surfaces of cell carriers are identically structured. Because of the
gradients of the miscellaneous ingredients of body fluids penetrating the cell
carrier, best possible cell colonization requires adapted graduated surface
structures, following research efforts to define the actual (up to now) not
known cell type dependent micro ecology.

10.7 Summary

Surface treatments on materials improve the function and lifetime of implants.
The treatments have to consider the kind of substrate material, the specific
biological environment consisting of the kind of adjacent tissue, soft or
hard, and ingredients of the extracellular matrix or blood. Depending on the
substrate materials, specific treatment procedures have to be chosen for the
modification — a biological, physical, or chemical pathway. This chapter details
the physical pathway of surface modification, summarizing the production
of mechanical structuring on different scales, from macro via micro to nano
roughness, and physical vapor deposition (PVD) modification of surfaces.
Adapted to the clinical requirements, the deposited surface material can be
designed as non-conducting, semi-conducting or conducting. Aspects of
materials for cell containers are discussed.

10.8 Sources of further information and advice

Werner Schatt, Hartmut Worch (edit) Werkstoffwissenschaft, Wiley-VCH, 9. Auflage
2003

U. Beck, R. Lange, H.-G. Neumann. Micro- and nanoscaled titanium surface structures
textured by electrolytic plasma and etching methods, Advanced Materials Research
15-17 (2007) 141-146

U. Beck, R. Lange, H.-G. Neumann, Microplasma textured Ti-implant surfaces,
Biomolecular Engineering 24 (2007) 1, 47-51 http://www.izbs.uni-karlsruhe.de/
Biomaterials.php
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The junior research group Biomaterials Interfaces is performing research activity into the
chemical and physical behavior of metals and semiconductor surfaces put in contact
with biological systems. http://vanha.med.utu.fi/dent/biomat/
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Coatings for metallic biomaterials

T. KASUGA, Nagoya Institute of Technology, Japan

Abstract: Titanium and its alloys show the greatest biocompatibility among
metallic materials for biomedical applications. They are, however, grouped
within bioinert materials together with ceramics, such as alumina and
zirconia, on the basis of the pattern of osteogenesis. For tight fixation and
long-term use, some applications need bioactivity, which means an ability

to make a bond directly to natural bone. Calcium phosphate-based ceramic
materials, such as hydroxyapatite, tricalcium phosphate and so on, show
bioactivity, and are often coated onto metallic biomaterials. In this chapter,
some recent topics concerning bioactive ceramic coatings on metallic
biomaterials are briefly reviewed. New types of coating methods on titanium
and its alloys, including plasma-spraying for forming highly oriented
hydroxyapatite, sputtering or vapor-deposition for inducing excellent
bioactivity and phosphate glass-ceramic joining, are focused upon, as well as
the chemical modifications of their surfaces.

Key words: bioactivity, ceramic, calcium phosphate, hydroxyapatite,
titanium, titanium alloy, coating, plasma spraying, sputtering, CVD,
biomimetic process, glass-ceramic, chemical treatment, surface modification.

1.1 Introduction

The number of aged persons demanding replacement or repair of failed
tissue with biomaterials is rapidly increasing. In particular, high-performance
biomaterials for replacing damaged hard tissues, such as artificial joints,
bone fillers, dental implants and so on, are strongly demanded among older
people. Metallic biomaterials with biological safety, such as stainless steels,
cobalt (Co)-based alloys, titanium (Ti) and its alloys, are useful for replacing
hard tissues at the load-bearing sections. Especially, Ti and its alloys are
widely used as orthopaedic and dental implants because of their excellent
biocompatibility. Recently, much attention has been paid to S-type Ti alloys
because they have high mechanical strength and low modulus of elasticity.
One of the current attractive metals is S-type Ti alloys containing elements
sufficiently tolerated by living tissues, such as niobium (Nb), tantalum (Ta)
and zirconium (Zr) (Niinomi, 2003a; Kuroda et al., 1998). A Ti-29Nb-13Ta-
4.6Zr (denoted by TNTZ) alloy, which has been suggested as one of the
best materials, shows a high tensile strength of ~1 GPa and low Young’s
modulus of 60~80 GPa. However, no Ti and its alloys can make a chemical
bond with living bone; that is, they are inactive.

Calcium phosphate ceramics such as hydroxyapatite (Ca;y(PO4)s(OH),;
HA) and p-tricalcium phosphate (B-Caz(PO,),; B-TCP) exhibit bioactivity
260
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(Hench, 1991; Doremus, 1992). Some glasses and glass-ceramics are also
well known as bioactive materials. Some portions in artificial substitutes
for hard tissue may require bioactivity. Bioactive surface modification is, in
general, applied to Ti and its alloys to further improve their biocompatibility.
The bioactive ceramic coatings prepared using various processes have been
investigated so far and some materials are clinically used as biomaterials
such as dental and surgical implants.

In the present chapter, recent progress in bioactive ceramic coatings having
mechanically strong bonding with Ti and its alloys is briefly reviewed.

11.2 Calcium phosphate ceramic coatings

Implants coated with calcium phosphates such as HA and S-TCP have
been widely used in orthopaedics and dentistry. The cementless fixation
technique combines mechanical strength, ductility and ease of fabrication
with bioactivity. Calcium phosphate coatings have been applied by a variety
of methods, such as dip-coating (Li et al., 1996), electrophoretic deposition
(EPD) (Ducheyne et al., 1986), plasma spraying (Lacefield, 1993), ion-beam
sputtering (Ong et al., 1994), flame spraying (Berndt et al., 1990), biomimetic
coating (Kokubo, 1998), and so on. In this section, some recent possible
coatings are briefly discussed.

11.2.1 Plasma-sprayed coatings

Plasma spraying employs a plasma or ionized gas to melt the ceramic particles
and subsequently to carry them onto the surface of substrates. Two important
properties of plasma sprayed coatings are (i) bonding strength between
the calcium phosphate layer and the metallic substrate and (ii) dissolution
behavior in body fluid. Residual stress arises at the interface between the
metallic substrate and HA due to the large difference in their thermal
expansions. Amorphous calcium phosphate tends to dissolve rapidly in body
fluid: coatings with low crystallinity rapidly become weak and may induce
inframmatory responses. A relatively high bonding strength on Ti or its alloys
was reported by Tsui et al. (1998): the values were in the range of 20 ~ 40
MPa after optimization of the coating properties. The crystallinity of HA in
the coating layers was relatively high (83 ~ 94 %). Their high crystallinity
was very important for long-term benefit to the coated implants.

A radio-frequency thermal plasma spraying (rf-TPS) method was developed
to obtain strong bonding between the HA coating and Ti substrate, employing
an HA/Ti composite coating (Inagaki et al., 2003). The HA/Ti composite
coatings were prepared by controlling the starting composition using two
microfeeders, which fed the HA and Ti powders at an accurate rate. The
starting powders were fed so as to form the coated layer with a compositional
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gradient, from a Ti-rich phase at the bottom to an HA-rich phase at the top.
The composition of the plasma gas played an important role in improving the
bonding strength of the coatings. Rf-TPS with nitrogen-containing plasma gas
induced the formation of coatings with excellent bonding to the Ti substrate
(tensile bonding strength of 65 MPa). The microstructure of the interface
between deposited Ti particles in the coatings was significantly influenced by
plasma gas composition during rf-TPS. By rf-TPS with nitrogen- or oxygen-
containing plasma gas, titanium nitride or titanium oxide was formed in the
deposited Ti particles, respectively. The bonding of the composite coatings
onto the Ti substrate was suggested to be influenced by the microstructure
at the interface between Ti particles.

Recently, Inagaki et al. (2007) prepared highly oriented HA coatings on
a Ti substrate using an rf-TPS method for improving biocompatibility. HA
has anisotropic properties due to its hexagonal crystal structure. HA has two
major surfaces (100) and (001), with different chemical properties, such as
protein absorption and dissolution behavior. Highly oriented HA coatings
were sprayed onto a Ti substrate by rf-TPS. A thermal plasma of argon gas
containing a small amount of nitrogen (1~6 %) was generated. The as-sprayed
HA coatings were heated at 600 °C for 2 h, and then hydrothermally treated at
120 °C for 2 h in water. The resulting HA consisted of prismatic crystals having
a structure with (001) preferred orientation parallel to the substrate surface,
of 200~800 nm width. The formation of oriented, needle-like HA crystallites
in the coatings as-sprayed with an accurate control plays an important role
in obtaining both highly crystallized and highly oriented coatings using a
post-heat treatment. The protein adsorption behavior of the HA coating was
experimentally shown to be influenced by the preferred orientation of HA
(Inagaki et al., 2008). Surfaces of highly (001) oriented HA coatings have
a selectivity for cytochrom ¢ (CCC). On the other hand, no selectivity in
the adsorption of bovine serum albumin (BSA) or immunoglobulin G (IgG)
was seen. Further investigation is in progress.

11.2.2 Thin film coatings

Physical vapor deposition (PVD) is one of the most promising methods for
obtaining thin, uniform, dense coatings of calcium phosphates on metallic
substrates. Radiofrequency (rf) magnetron sputtering has been widely used
for coatings of thin films with excellent bonding to the substrates and has
been applied to the coating of calcium phosphate films on commercially pure
titanium (cpTi) (Yoshinari et al., 1997; Wolke et al., 2003) and titanium
alloys (van Dijk et al, 1995). The method has a great advantage in that the
coatings can be achieved at relatively low temperatures so that no degradation
in the mechanical properties of the metallic substrate occurs.

The phases in the coatings and their surface roughness depend on the
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composition and the density of the targets. Plasma sprayed HA (Wolke et al.,
1994) or sintered HA (Lo et al., 2000) as the targets have been often used.
Calcium phosphate glass targets with the Ca/P molar ratios of 0.75~0.25, which
were much lower than the stoichiometric value of 1.67 for hydroxyapatite,
have also been discussed (Yamashita et al., 1998).

Recently, Narushima et al. (2005) prepared calcium phosphate films on
cpTi substrates by rf magnetron sputtering using hot-pressed, dense f-TCP
targets. The resulting films consisted of amorphous calcium phosphate and/
or oxyapatite phases. The bonding strengths between the coatings and the
cpTi substrate were estimated to be >60 MPa. When the film was soaked
in Hanks’ solution (Table 11.1) or phosphate buffer solution, the dissolved
amount of calcium ions from the amorphous coatings was significantly larger
than that from the oxyapatite coatings (Ueda et al., 2007). Animal tests using
beagle dogs showed that cpTi coated with the amorphous calcium phosphate
film was fixed rapidly and strongly with bone (Narushima et al., 2007).

Chemical vapor deposition (CVD) has also great advantages in the
preparation of calcium phosphate thin films coated strongly onto metallic
substrates, because of high deposition rates with excellent microstructure
controllability. Some reports have been published on the preparation of
B-Ca,P,05 film (Allen et al., 1996) and its conversion to S-TCP phase by
post-heat treatment. A few works on the direct preparation of bioactive
calcium phosphate films such as HA or B-TCP have been reported (Darr et
al., 2004; Sato et al., 2007a).

Bioactive calcium phosphate films have been prepared on cpTi substrates
by metal-organic chemical vapor deposition (MOCVD) using bis-
dipivaloylmetanato-calcium (Ca(dpm),) and triphenyl phosphate ((CsHsO);PO)
precursors (Sato et al., 2007a). Dense HA or o-TCP films were prepared
by controlling the Ca/P molar ratio in the precursor at <~1 and substrate
temperature at 700~800 °C. The resulting HA and o-TCP films showed
(002) and (510) preferred orientation parallel to the substrate surfaces. The
films could be deposited at high rates of 4~6 nm/sec. HA formed in Hanks’
solution at 37 °C within 6 h on the HA films and 14 days on the o-TCP
films, respectively. The HA films on cpTi are expected to show excellent
bioactivity.

Calcium titanate (CaTiOs) films have been also investigated as promising
bioactive coatings, using a sputtering (Asami et al., 2007) or CVD (Sato

Table 11.1 Chemical composition of Hanks’ solution

Concentration (mg/m?®)

NaCl KCI Na,HPO, KH,PO, MgSO, MgCl, CaCl, Glucose

8.00 0.40 479 x 102 6.00 x 1072 4.88x 102 4.68 x 1072 0.14 1.00
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et al.,2007b) method. HA forms on these films after soaking in Hanks’ solution
for 3~7 days. The proposed mechanism for HA formation on CaTiOj5 films
in the solution is as follows: CaTiO; films would firstly dissolve into the
solution to locally increase Ca®* ion concentration, then PO,>~ ions could be
attracted and react with the Ca”* ions, resulting in the formation of HA.

11.2.3 Biomimetic apatite coatings

At the interface between bioactive ceramics and bone in the living body,
an apatite layer can be often seen: the ceramic bonds to the living bone
through the apatite layer (Kitsugi et al., 1986), which consists of a carbonate-
containing HA with small crystallites and a defective structure. The apatite
is very similar to that in bone in its composition and structure (Kokubo et
al., 1990). The apatite layer can form on the ceramics, metals and polymers
when they are soaked in simulated body fluid (SBF) with ion concentrations
nearly equal to those of human blood plasma (Kokubo, 1998), as shown
in Table 11.2. A bioactive coating method utilizing this apatite-forming
ability is often called a ‘biomimetic method’, and the apatite formed is often
called ‘bone-like apatite’ (denoted by B-HA, hereafter). This method has
an advantage over conventional coating techniques in that materials can be
homogeneously coated with nano-sized apatite without heating. The method
is thus applicable to polymer substrates. Two indispensable conditions needed
for the formation of B-HA coatings on materials using SBF are (i) the
existence of surface functional groups that induce the nucleation of apatite
(e.g., Si-OH, Ti-OH, Nb-OH, Ta-OH, COOH and PO,4H, groups) and (ii)
increase in the supersaturation concerning apatite around the surface of the
materials (Kokubo, 1990; Kokubo et al., 1998).

Metallic Ti and its alloys are generally covered with a passive layer
of titanium oxide. Since the surface of the layer includes Ti-OH group,
there exists the possibility of B-HA formation. However, relatively high
supersaturation concerning B-HA is usually needed around the surface. To
increase the supersaturation concerning apatite in SBF, a large amount of
Ca** ions should be dissolved from the materials. Calcium carbonate has been
recognized as a bioresorbable bone-filler and it has good osteoconductivity

Table 11.2 lon concentrations of human blood plasma and SBF

Concentration (mM)

Na* K+ Mg% Ca* CI HCO; HPO,2~ SO
Blood plasma 1420 50 15 25  103.0 27.0 1.0 0.5
SBF* 1420 50 15 25 1488 4.2 1.0 0.5

*Buffered at pH 7.40 with tris-hydroxymethylaminomethane and 1 m HCI.
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(Liao et al., 2000; Vago et al., 2002). Calcium carbonate is expected to
supply both Ca®* and carbonate ions when soaked in SBF. As a result, the
supersaturation concerning apatite would increase and the concentration of
carbonate ions in SBF would come close to that in human blood plasma. It
is well known that calcium carbonate has three polymorphs; that is, calcite,
aragonite, and vaterite. The solubility of vaterite is greater than that of calcite
or aragonite.

Maeda et al. (2004) reported B-HA formation on the compacts of powder
mixtures consisting of titania and calcium carbonate in SBF at 37 °C within
two days. The B-HA forming ability was much higher than that of powder-
compacts of titania without calcium carbonate. The plentiful amount of Ca®*
ion due to the dissolution of vaterite with a large specific surface area of 40
m?/g increases the supersaturation of B-HA in SBF, resulting in the rapid
formation of the B-HA layer.

Based on these backgrounds, cpTi was coated with B-HA on a TiO, layer
(Hashimoto et al., 2007). The TiO, layer was prepared on cpTi by heat-
treatment in air at 800 °C for 0.25 h. A slurry consisting of vaterite particles
with a secondary particle size of ~500 nm diameter (specific surface area of
~40 mz/g), in methanol, was dip-coated on the surface of the heat-treated
cpTi. The resulting sample was soaked in SBF at 37 °C. Since the surface
potential of the vaterite particles in methanol was +40 mV, the heat-treated
cpTi with the negatively charged surface could control the dissociation of
vaterite particles from the TiO, surface on the cpTi in SBF. After three days
of soaking, the surface was completely coated with a leaf-like B-HA layer
at ~1 um in thickness.

Recently, a trace amount of ionic silicon species has been reported to be
effective for enhancing the proliferation and differentiation of osteoblast-
like cells and mesenchymal stem cells (Obata et al., 2008a). Xynos et al.
(2000) reported that the proliferation of human osteoblasts was enhanced
in a culture medium containing a trace amount of silicon. An HA-coating
with the releasability of the silicon species is expected to show excellent
bone-forming ability.

For preparing a coating with ionic silicon species releasability, B-HA was
formed on a silica layer coated on a cpTi substrate by a biomimetic method
(Hashimoto et al., 2007). A diluted water glass, mNa,O - nSiO,(100-m-n)
H,O (m = ~ 11.5, n = ~28), was dip-coated onto a cpTi substrate, and
subsequently the sample was heated at 300 °C to be dehydrated. The glass-
coated cpTi was soaked in dilute HCI agq. at 50 °C to induce the ion-exchange
of sodium ions in the water glass into protons, resulting in the preparation
of a silica-coating with a thickness of ~1-um containing numerous Si-OH
groups on the substrate. Calcium carbonate (vaterite) particles were placed
on the Si0,—coated substrate (Fig. 11.1(a)) and subsequently the sample was
soaked in SBF. After three days of soaking, the sample surface was coated
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(b)

11.1 Scanning electron micrographs of (a) calcium carbonate
(vaterite) particles placed on SiO,-coated cpTi and (b) B-HA formed
on the sample (a) after soaking in SBF for three days. Vaterite
particles of ~500-nm diameter were placed on the surface after

the dip-coating. The difference in surface potentials between the
positively charged vaterite particles and the negatively charged SiO,
coating controls the removal of them from the substrate in SBF.

with a leaf-like B-HA layer with a thickness of ~1 um (Fig. 11.1(b)). The
layer adhered tightly onto the sample surface, even after ultrasonic-treatment.
Energy dispersive X-ray (EDX) analysis of the precipitate layer showed that
Ca and P with a trace amount of Si were included in the precipitates. The
resulting sample (10 x 10 mm?) was soaked in 4 ml of @-modified minimum
essential medium (o-MEM) supplemented with 10% fetal bovine serum (FBS)
and incubated at 37 °C for seven days. The a-MEM was changed after one day
of soaking at first, and then changed every other day. The amount of silicon
ions in the a-MEM after filtration was determined by inductively coupled
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plasma atomic emission spectroscopy (ICP-AES). A trace amount of ionic
silicon species, 0.1 mmol/day, was continuously released from the sample.

Mouse osteoblast-like cells (MC3T3-E1 cells) were used to examine
cell-proliferation on the samples. The B-HA-coated samples on the SiO,
and TiO, layer on cpTi substrates are denoted by HA/SiO,/Ti and HA/TiO,/
Ti, respectively. Figure 11.2 shows the proliferation of MC3T3-E1 cells on
HA/TiO,/Ti and HA/SiO,/Ti. The cellular numbers on both of the samples
increased during the incubation. After seven days of incubation, the cell number
of HA/Si0,/Ti was significantly higher than that of HA/TiO,/Ti. The ionic
silicon species released from HA/SiO,/Ti may enhance the cell proliferation.
This result implies a very important guide into designing the next generation
of bioactive materials, since the biocompatibility of the silicon-releasable
apatite layer may be significantly better than that of an apatite layer coated
directly (without the silica layer) on a titanium substrate.

11.3 Calcium phosphate glass-ceramic coatings

Since glass-based materials allow some latitude of choice in composition, they
have a significant advantage in that they can be controlled to improve their
chemical/physical properties and microstructures after their crystallization,
to attain sufficient performance as biomaterials. Silicate-based glasses and
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11.2 Numbers of osteoblast-like cells (MC3T3-E1 cells) cultured on
HA/TiO,/Ti and HA/SiO,/Ti (*p <0.05). MC3T3-E1 cells were seeded at
a density of 3.0 x 10* cells/well onto the sample in a 12-well culture
plate, and incubated using an -MEM supplemented with 10% FBS
at 37 °C in a humidified atmosphere of 95% air and 5% CO, for three
or seven days. At least four samples were used for cell counts by a
hemocytometer.
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glass-ceramics such as Bioglass® and Cerabone® A-W are known well as
bioactive materials (Hench, 1992). These bioactive glasses and glass-ceramics
can be coated on some metals such as 316L stainless steel, Ti alloys and
Co—Cr alloys. Three kinds of methods are used to apply the glasses as
coatings, as follows: (i) enamelling or glazing using glass frits, (ii) flame-
spray coating and (iii) rapid-immersion coating, where the heated metal is
rapidly inserted into the molten glass. These have been reviewed elsewhere
(Hench er al., 1993).

As described in Section 11.1, Niinomi and others have developed new
[-type titanium alloys composed of elements sufficiently tolerated by living
tissues, such as Nb, Ta and Zr. A Ti-29Nb-13Ta-4.6Zr (TNTZ) alloy, which
has been put forward as one of the best materials, shows a high tensile
strength of ~1 GPa and low Young’s modulus of 60~80 GPa. As one of
the most promising methods for inducing bioactivity on TNTZ, a calcium
phosphate glass-ceramic coating has been investigated since it is simple and
easy to attain strong joining with TNTZ. This section focuses the new type
of bioactive calcium phosphate glass-ceramic coating on TNTZ.

11.3.1 Calcium phosphate invert glasses for coatings

Calcium phosphate glass-based materials have high potential for use as
biomaterials because of their compositions. It is necessary to use phosphate
glasses with a high Ca/P ratio for implantation. In some glasses, anionic
groups can be connected through a cation, which should usually be a network
modifier, to form the glassy state; such glasses can be called ‘invert glasses.’
New types of phosphate invert glasses with compositions of high CaO and
low P,O5 were prepared in order to obtain bioactive materials; the glasses
consisted of PO,* (orthophosphate) and/or P,0;* (pyrophosphate) ions
without PO;>~ (metaphosphate) ions, and the phosphate groups are connected
through Ca’* ions (Kasuga et al., 1999a).

The proposed mother composition is 60CaO-30P,05-3TiO,—7Na,O (in
mol%) denoted by PIG hereafter). It is, usually, difficult to obtain glasses
with Ca/P > 0.75 in the binary system, but they can be prepared with the
addition of small amounts of TiO, and Na,O. TiO, addition into phosphate
glasses improves their glass-forming ability and chemical durability. By
introducing a small amount of Na,O, the sintering ability of glass powders of
<10 wm diameter is improved (Kasuga et al., 1998). The compacted powder
of the PIG glass can be sintered at 800~850 °C due to viscous flow of the
melt (Kasuga et al., 2003a).

PIG glass was pulverized less than 10 um in diameter (the average size;
1.0~1.5 um) in methanol, using a zirconia ball mill. The TNTZ surface was
sandblasted to a roughness of ~2 um. The glass powder slurry was dip-coated
onto TNTZ and then dried. Then the substrate with the glass powder layer
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was heated in air at 800 °C for 1 h and cooled to room temperature. Figure
11.3(a) shows a cross-sectional scanning electron micrograph (SEM) of the
coating obtained after heating. Due to the sintering of the glass powders, a
layer with ~10-pum thickness was formed on the TNTZ. Many pores of several
micrometers in size are seen. Figure 11.3(b) shows a cross-sectional SEM
micrograph around the joining interface between TNTZ and the coating layer.
Phase 1, which appears dark, with a thickness of ~1 um on the substrate is
seen. Phase 2 is a fine microstructure interconnecting phases 1 and 3. EDX
spectra collected from portions indicated that the composition of phase 3
agrees almost with that of the mother glass, while phase 1 contains large
amounts of titanium and phosphorus with a trace amount of calcium; it is

PIG 85
-Glass—ceramic
coating-

] 1
TNTZ Substrate .

(b)

11.3 (a) Cross-sectional scanning electron micrograph around the
interface between the substrate and the layer. (b) Magnified view
around the interface. EDX spectra were measured from the portions
labeled in (b).
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based on sodium titanium phosphate. In phase 2, the calcium content is larger
and the titanium content is smaller in comparison with phase 1. That is, there
exists a reaction zone of 2~4 um in thickness between the glass-ceramic
layer and the substrate. Linear thermal expansion coefficients of PIG glass-
ceramic prepared by heating at 800 °C, and TNTZ, were 12 x 107 and 9 x
107° deg™! (100 ~ 750 °C), respectively. The reaction layer is spontaneously
developed on TNTZ by heating in air to relax the thermal stress generated in
the coating layer and the substrate, resulting in the formation of the strong
joint (Kasuga et al., 2001a).

The coating layer in the sample heated at 800 °C consists predominantly
of p-Caz(PO,), (TCP) phase with trace amounts of $-Ca,P,O; (CPP) and
TiO, (rutile phase) crystalline phases. When the glass powders placed on the
alloy were heated at 800 °C under reduced pressure (~10 Pa), no adhesion
between the glass-ceramic layer and the substrate was formed. S-CPP phase
precipitated during heating the glass powders on the substrate and this reacted
with residual phosphate glassy phase containing large amounts of sodium
and titanium around 800 °C to form a low viscosity melt. The melt contacted
the thin oxide layer formed on the TNTZ during the heating, resulting in a
fine glass-ceramic/metal joining. The thin oxide layer formed on the metallic
substrate plays an important role in the formation of the fine glass-ceramic
coating.

When the glass-ceramic coating on the TNTZ substrate was prepared by
heating at 800 °C for 1 h, the tensile bonding strength was estimated to be
~26 MPa as the highest value. The strengths of the samples prepared by
heating for 0.25~0.5 h were estimated to be ~10 MPa (Kasuga et al., 2003b).
In the latter samples, numerous pores of several micrometers in size were
included due to insufficient sintering of the glass-ceramic particles. On the
other hand, the tensile bonding strengths of the coating samples using Ti-
6Al-4V ELI (denoted by TAV, hereafter) as the substrate were estimated
to be much smaller (<5 MPa) than those of the samples using TNTZ. The
strength of the sample using cpTi could not be measured since the surface
layer containing a glass-ceramic coating peeled off from the substrate due to
severe oxidation of the Ti during the heat-treatment (Kasuga er al., 2003c).

In the case of the sample using TNTZ as the substrate, a fracture occured
in the glass-ceramic layer with porosity; the bonding strength at the interface
layer between TNTZ and the glass-ceramic was higher than the tensile
strength of the glass-ceramic. On the other hand, in the case of the sample
coated on the TAV, the fracture occurs in the reaction layer between the
coating and the substrate. The oxidized layer at the TNTZ surface was
estimated to be <0.5 um in depth, while that on the TAV surface was 3~5
wm in depth. Elements such as aluminum and vanadium around the surface
diffused considerably to form oxides. The oxidation is suggested to lead
to the generation of large tensile stresses in the surface layer of the TAV.

© Woodhead Publishing Limited, 2010



Coatings for metallic biomaterials 271

As a result, the layer is brittle and the bonding strength is very small. The
fabrication of the fine PIG glass-ceramic coating is influenced strongly by
the oxidation behavior of the metallic substrate.

11.3.2 Mechanical properties of the glass-ceramic-coated
titanium alloys

An aging treatment of TNTZ at ~400 °C is effective for increasing its
hardness, modulus of elasticity and strength (Niinomi et al., 2002). This
improvement is due to the precipitation of @ phases in the S matrix phase
during the aging. After the glass-ceramic-coated TNTZ was heat-treated for
aging, the tensile bonding strength of the sample with the coating layer of
5 um thickness was not degraded, but that of 20 um thickness was degraded
due to the generation of microcracks, which originated from the formation
of w phase at the interface between the layer and the substrate (Niinomi
et al., 2003b).

Akahori et al. (2005) investigated the mechanical properties of TNTZ
with a PIG glass-ceramic coating layer of 5 wm thickness. The samples
were aged at 450 °C for 72 h. The tensile strengths of TNTZ and the aged
TNTZ with the coating layer were estimated to be ~700 and ~900 MPa,
respectively, and their elongations were 22 and 11%, respectively, which
were half to quarter smaller than that of as-solutionized TNTZ. Young’s
modulus was estimated to be ~90 GPa. The glass-ceramic coated TNTZ
showed sufficiently excellent mechanical properties (such as tensile properties
and a small Young’s modulus) for use as a biomaterial.

The coated samples were machined for fatigue tests according to ISO1099-75
specifications (Li et al., 2004). No delaminations of the coating were observed
during the fatigue test. The fatigue resistance of the samples improved due to
an increase in resistance to fatigue crack initiation caused by the formation of
the o phase during heating for the coating, and the precipitation of w-phase
from the substrate during the slow cooling. In addition, aging at 400 °C for
72 h greatly increased the fatigue limit of the coated TNTZ and effectively
relieved the detrimental effect of sandblasting on fatigue properties.

11.3.3 Bioactivity of the glass-ceramic coatings

After 10 days of soaking in SBF, B-HA forms on the PIG glass-ceramic
coating. On the other hand, B-HA formation on a 50Ca0O—40P,05—7Na,O—
3TiO, glass-ceramic-coated TNTZ does not occur (Kasuga et al., 2003a).
The glassy phase in the glass-ceramic may play an important role in the
B-HA formation (Kasuga et al., 1999b, 1999c). Chemical species such as
Ti—OH and/or PO4H, for inducing B-HA nucleation can be supplied from
the glassy phase around the surface (Kasuga et al., 2001b).
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B-HA-forming ability of PIG glass-ceramic in SBF is enhanced by
autoclaving in water (Kasuga et al., 2003d). B-HA starts to form on the
autoclaved glass-ceramic after only 3 days soaking in SBF. The surface of
the treated glass-ceramic is completely covered with B-HA after 10 days
of soaking. Numerous hydrated titania groups, which induce nucleation of
B-HA, form around the glass-ceramic surface during the autoclaving. The
B-HA-forming ability of the coating on TNTZ can be also be improved after
autoclaving in distilled water (Kasuga et al., 2005). Plentiful hydrated titania
groups are suggested to form on the surface of the glass-ceramic coating
after autoclaving, resulting in the induction of B-HA nucleation in SBF.

A rod-shaped sample of 5 mm diameter X 10 mm length was implanted
into a femur removed from a Japanese rabbit. The sample was autoclaved in
water at 121 °C for 1 h. Figure 11.4 shows contact microradiographs (CMR)
after 4-weeks (Fig. 11.4(a)) and 52-weeks of (Fig. 11.4(b)) implantation. No
significant change in the thickness of the glass-ceramic coating layer after the
implantation can be seen. The observation shows new bone formation around
the autoclaved glass-ceramic-coated TNTZ after 4 weeks of implantation
and the bone tissue showed partial direct contact with the implants. When
the samples after 52 weeks of implantation were sliced and polished for
observation, crack propagation was seen to have a tendency to occur between
the TNTZ (sample without the coating) and bone, while no crack occurred
between the coating and bone or between the coating and TNTZ, as shown
in Fig. 11.5. This result shows excellent bioactivity of the PIG glass-ceramic
coating on TNTZ (Kasuga et al., 2005).

This load-bearable glass-ceramic-coated-TNTZ would be applicable to
surgical implants, such as Kirschner-wires and hip joints, that need to have
bioactivity and low modulus of elasticity.

11.4 Bioactive surface prepared by chemical
treatments

Bioactive surface modifications described in this section are not included in
the category of coatings on metallic substrates. However, they are briefly
reviewed, since they are quite important practical techniques for preparing
bioactive surfaces on metallic substrates.

11.4.1 Surface modification by treatment with

hydrogen peroxide
Titania gels can induce the formation of B-HA in SBF as described in
Section 11.2.3. Gel coatings are expected to be one of the potential future

surface modification techniques to improve the bioactivity of metallic implant
materials (Li et al., 1993). Conventional sol-gel derived coatings are usually
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11.4 CMR images around PIG glass-ceramic-coated TNTZ rods (5
mmg¢) implanted into femurs of Japanese rabbits after (a) 4 weeks
and (b) 52 weeks.

provided by a dip-coating process consisting of several coating—heating cycles
for attaining the necessary thickness for B-HA formation in SBF (Jokinen et
al., 1998). Tengvell et al. (1989a) reported that titanium reacts with an H,O,
solution, resulting in the formation of titania gel. This is one of the promising
techniques for prepraring titania gel coatings on titanium substrates.

Wang et al. (2002) found that an acidic H,O, solution containing HCI
can accelerate the reaction rate and induce morphology with uniform, nano-
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11.5 Cross-sectional scanning electron micrographs of (a) TNTZ and
(b) the glass-ceramic-coated TNTZ after 52 weeks of implantation. In
(a), a severe crack can be seen between the TNTZ and bone.

sized pores in the resulting gel layer. CpTi samples of 10 X 10 X 1 mm in
size were treated with a solution containing H,O, of 8.8 m with HCI of
0.1 mat 80 °C for 0.5 h and subsequently heat-treated at various temperatures.
After being chemically treated for 20 min, a porous titania gel layer of
0.5 um thickness without cracking or chipping was formed. The pore sizes
were estimated to be several hundred nanometers. By subsequent heat
treatment at 300~600 °C, anatase was precipitated in the amorphous gel.
When the sample was heated above 700 °C, rutile, not anatase, formed.
When the samples were soaked in SBF, B-HA formed on those heated at
400~600 °C: the titania layer including an anatase phase induced B-HA
formation, whereas that including a rutile phase induced no deposition.
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Uchida er al. (2003) suggested that the anatase structure is especially
effective in inducing B-HA formation in SBF. Sol-gel-derived titania gels
with an amorphous structure do not induce B-HA formation on their surfaces,
whereas the gels with an anatase or rutile structure via heat-treatment
induce B-HA formation on their surfaces. The deposition of apatite is more
enhanced on the anatase gels than on the rutile gels. The fit of the apatite
(0001) plane to the anatase (110) plane or to the rutile (101) plane shows
a close superposition of hydrogen-bonding groups in these crystals. These
epitaxial relationships are suggested to lead to favourable B-HA formation on
titania gels with anatase or rutile structures. In addition, the crystallographic
matching between the apatite (0001) plane and the anatase (110) plane is
better than that between the apatite (0001) plane and the rutile (101) plane.
This may lead to higher B-HA-forming ability of anatase than that of rutile.
These results imply that bioactivity on metallic titanium and its alloys can
be induced by integrating anatase structures on their surfaces.

11.4.2 Surface modification by treatment with a
concentrated alkaline solution

Ti and its alloys react with alkaline aqueous solutions. The reacted surface
consists of negatively charged HTiO5; *nH,O, which incorporates alkaline
ions. Kokubo et al. (1996) prepared amorphous sodium titanate on cpTi by
soaking the metal in an aqueous NaOH solution of 5 m at 60 °C for 24 h
and subsequent heating at 600 °C for 1 h. A surface consisting of a porous
layer was obtained. The sodium titanate phase was integrated with the metal
substrate through a graded structure within a depth of 1.5 um from the
surface. When the treated sample was soaked in SBF, B-HA formed on the
porous sodium titanate layer. Since the B-HA showed a graded structure, it
achieved a tight adhesion to the metal substrate (tensile bonding strength;
>30 MPa) (Kim et al., 1997). When titanium alloys, such as Ti—-6Al-4V,
Ti—6A1-2Nb-Ta and Ti—15Mo-5Zr-3Al, were treated with NaOH and
subsequent heating, they also formed a sodium titanate phase, which was free
of the alloying components (Kim ez al., 1996). These treatments induced no
damage to strength under tensile loading nor to fatigue strength under cyclic
loading of the metals in saline solution (Kokubo et al., 2003).

The treated titanium metal and its alloys have been investigated in some
animal models (Kokubo et al., 2003). When a cylindrical rod of the treated
cpTi was implanted into the intramedullar canal of a rabbit femur, apatite
formed on its surface within 3 weeks and it was completely covered with
bone within 12 weeks. A rectangular sample implanted into a rabbit tibia
formed an apatite layer on its surface and bonded to bone through the layer
after 8 weeks. Surface modified titanium and titanium alloys have been
clinically used as artificial hip joints since 2007.
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The surface modification technique to induce bioactivity can be also applied
to tantalum (Ta) metal with excellent fracture toughness and malleability
(Miyazaki et al., 2000). Typical treatment conditions are subjecting to aq
NaOH of 0.5 m at 60 °C for 24 h and subsequently heating at 300 °C. After
the treatment, an amorphous sodium tantalate phase forms on its surface.
Since Na™ ion in the phase on Ta is exchanged with the H;O" ion in SBF
to form Ta—OH groups for inducing apatite nucleation, B-HA forms on the
treated Ta. This metal also forms apatite in the living body, and bonds tightly
to bone through the apatite layer (Kato et al., 2000).

11.4.3 Surface modification by treatment with a dilute
alkaline solution

The surface properties, such as topography, energy and chemical composition,
of biomaterials determine their compatibility with surrounding host tissues,
cells and proteins. Osteogenic cells cultured on a sandblasted titanium were
reported to show higher ability in differentiation than those on titanium with
a smooth surface, and subsequent acid-treatment enhanced the differentiation
of the cells on the sandblasted titanium (Zhao et al., 2007). The topography
and hydrophilicity of the titanium surface may be significantly involved
in its cellular compatibility. As described in Sections 11.2.3, 11.4.1 and
11.4.2, Ti—-OH groups at the surface of titania play an important role in
B-HA formation. The formation of titania on titanium surfaces may induce
the ability of B-HA formation in vitro and in vivo.

CpTi surfaces can be modified by hydrothermal treatment using a
dilute alkaline solution (Obata et al., 2008b). Some of the hydrothermal
conditions used were to autoclave cpTi (e.g. 10 x 10 x 0.6 mm) in 10 ml
of a dilute alkaline solution (aq NaOH of 0.05 m) for 24 h at 120 or 240 °C
in a polytetrafluoroethylene vessel of internal volume 50 ml. The resulting
samples were denoted by Ti-120 and Ti-240, respectively. The hydrothermal
treatments might achieve the manipulation of hydrophilic groups on the
surface, which were expected to be effective for inducing high cellular
compatibility.

Figure 11.6 shows the surface morphologies of cpTi (Fig. 11.6(a)), Ti-
120 (Fig. 11.6(b)) and Ti-240 (Fig. 11.6(c)). Leaf-like deposits with the size
of ~100 nm consisting of anatase were observed on the Ti-120 surface. On
the Ti-240 surface, pyramid-like anatase with the size of several hundred
nanometers to several micrometers were observed. The anatase formation
and its morphology were significantly related to the autoclaving temperature.
The titania layers adhered strongly on the cpTi surface even after ultrasonic
treatment in DW for 15 min, or a tape-test using Scotch®#6.

Figure 11.7 shows the numbers of mouse osteoblast-like cells MC3T3-E1
cultured on cpTi, Ti-120 and Ti-240 surfaces for seven days. The numbers
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(c)

11.6 Scanning electron micrographs of the cpTi surfaces (a) before
and (b, c) after hydrothermal treatments with dilute ag NaOH.
(b) 120 °C (Ti-120) and (c) 240 °C (Ti-240).
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11.7 Numbers of MC3T3-E1 cells harvested from cpTi, Ti-120 and
Ti-240 after seven days of culturing (*p <0.05).

of the cells harvested from Ti-120 and Ti-240 were significantly higher
than that from cpTi. The titania layer formed on cpTi by autoclaving is
expected to be involved in its cellular compatibility. Tengvall et al. (1989b,
c) reported that titania shows higher biocompatibility than titanium. Zhao
et al. (2007) reported that the differentiation of human osteoblast-like cells
cultured on titanium with a hydroxylated/hydrated surface is higher than that
on an untreated one. A hydrothermal treatment can achieve the manipulation
of hydrophilic groups on the titanium surface. The groups formed on the
autoclaved cpTi surface are expected to stimulate the cellular activity.

11.5 Summary

This chapter briefly reviewed some surface modifications, based on ceramics on
Ti and its alloys, focusing on recent promising research. Some new directions,
such as highly oriented hydroxyapatite coatings using plasma-spraying, and
strongly-bonded, thin film coatings consisting of a single calcium phosphate
phase using rf-magnetron sputtering or MOCVD, have been discussed. A
bioactive coating using newly developed calcium phosphate glasses for
harmonizing on S-type TNTZ for biomedical use may be a significant item
for various applications. Surface modification by alkali-treatment is one
of the most useful methods for preparing bioactive surfaces. The treated
titanium was approved for production and sale by the Ministry of Health,
Labor, and Welfare of Japan in 2007. The ‘bioactive titanium’ has high
reliability for long-term use, since the bioactive ceramic phase is integrated
with the metallic titanium.
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These metallic biomaterials surface-modified by ceramics may make new
progress for the next generation through their integration with bioresorbable
polymers or biological substances such as proteins and/or cells. It may be
feasible to design a new generation of gene-activating materials, tailored for
specific patients and disease states. As described in the Section 11.2.3, some
gene-activating materials are recently being designed to stimulate specific
cellular responses at molecular or ionic species level (Hench er al., 2002).
Their releasing ability of trace amounts of ionic silicon and/or zinc species
could be one of the important factors in preparing the next generation of
coatings to enhance the proliferation and differentiation of cells.
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Biocompatible polymer assembly on metal
surfaces

K. ISHIHARA and J. CHOI, The University of Tokyo,
Japan

Abstract: A description is given of surface modifications to a titanium (Ti)
alloy substrate by phospholipid polymers to obtain antithrombogenicity

and biocompatibility. The phospholipid polymers contained
2-methacryloyloxyethyl phosphorylcholine (MPC) units, whose design was
inspired by cell membrane surface structures. The MPC polymers effectively
prevented platelet adhesion and thrombus formation as a result of reduced
plasma protein adsorption. Silane chemistry was used to carry out surface
grafting of the MPC polymer onto the Ti substrate. Long chains of MPC
were much more effective in reducing protein adsorption than short ones.
Another surface modification method, the integration of polymers by a layer-
by-layer procedure on the Ti substrate, was introduced. The MPC polymer
bearing phenylboronic acid units could form complexes covalently with
poly(vinyl alcohol). This reaction was used to construct polymer integrated
layers by soaking the Ti substrate alternatively in aqueous solutions of

these polymers. The MPC polymer could be immobilized by this procedure
on the substrate. The layer effectively prevented cell adhesion and also
functioned as a drug reservoir by maintaining drugs inside the layer and
controlling their release pattern. These observations clearly indicate that
surface modifications using MPC polymer provide excellent functions on the
Ti substrate.

Key words: phospholipid polymer, artificial cell membrane, grafting, layer-
by-layer method, biocompatibility.

12.1 Introduction

Metal substrates are being used as biomaterials in medical devices, including
implantable artificial organs and prostheses of hard tissues. The mechanical
properties of metal biomaterials are excellent but their surface biocompatibility
is not good enough, so the assistance of some pharmaceutical treatment when
the metallic implantable medical devices are applied is useful. One of the
methods for improving the surface biocompatibility on the metal substrate is
to modify it with biocompatible materials, namely ceramics and polymers.
Ceramic coatings on metal substrates have been reported (Habibovic et al.,
2002). Polymers are also used as artificial organs because of their functionality
and processability, particularly the effective surface modification of metal.
However, connections between the metal and the polymer are important for
stabilizing the polymer layer. Silane chemistry is suitable for this purpose,
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since alkoxysilane compounds can react with the metal oxide layer which is
formed on the metal substrate. Thus, these compounds with various functional
groups form an intermediate layer between the polymer and the metal
substrate. In this chapter, an overview is given of the grafting of polymer
chains and the integration of polymers onto metal through silane chemistry.
The biocompatibility evaluations from the viewpoint of protein adsorption
and cell adhesion on the polymer-modified surface are also described.

12.2 Phospholipid polymers providing biocompatible
surfaces on metals

12.2.1 Basic concept for constructing an artificial cell
membrane structure

The development of new biomaterials was proposed based upon the mimicking
of a simple component present on the extracellular surfaces of the phospholipid
bilayer that forms the matrix of cell membranes; namely, the phosphorylcholine
group of phosphatidylcholine and sphingomyelin. Phosphorylcholine, an
electrically neutral, zwitterionic head group, which represents the dominant
property of the phospholipid head groups present on the external surface of
cells, is inert in coagulation assays. Several researchers have confirmed that
a polymer surface coated with natural or synthetic phospholipids has good
biocompatibility (Ishihara, 2000; Lewis et al., 2001; Iwasaki and Ishihara,
2005). As a result of biochemical and pharmaceutical interest, phospholipid
molecules, in particular phosphatidylcholines with polymerizable groups such
as diene, acetylene, and acrylic, were prepared to stabilize the liposomal
structure as a model cell or drug carrier. Some modification methods are
described here, as shown in Fig. 12.1. The first one is the direct attachment

AR
7 2

Direct bonding of phospholipid Self-assembly of phospholipid
molecules molecules

Ll\/letal or metal oxide substratgl

7 7

Grafting of phospholipid Integration of phospholipid
polymers polymers

12.1 Surface modification on metal with phospholipid derivatives for
making artificial cell membrane structure.
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of phospholipid derivatives on the metal surface. This is a very convenient
procedure; however, it requires the introduction of a specific functional group
into the phospholipid molecules. The second method is the construction of
monolayered phospholipid molecules on the metal surface based on self-
assembly characteristics. The surface is modified with an alkyl group using
silane chemistry and phospholipid molecules are applied onto the surface.
These form a self-assembly monolayer by physical molecular interactions,
providing a very good surface covered with phospholipids, but the monolayer
has insufficient stability and mechanical properties. The third and fourth
methods provide a very stable and functionally good surface, and will be
described in detail in this chapter.

12.2.2 Molecular design of phospholipid polymers

Ishihara and Nakabayashi were inspired to design the materials by the cell
membrane structure, a methacrylate monomer with a phospholipid polar group
(phosphorylcholine group), and 2-methacryloyloxyethyl phosphorylcholine
(MPC) (Fig. 12.2) (Ishihara et al., 1990). The synthesis of the MPC was
difficult; however, in 1987, Ishihara considered a new process for its synthesis
and purification and a sufficient amount of MPC with excellent purity
was obtained. It therefore became possible to prepare the MPC polymer
with various other alkyl methacrylates and styrene, and carefully evaluate
their biocompatibility (Ueda et al., 1992). Figure 12.3 shows the chemical
structures of typical MPC polymers. The solubility of the MPC polymer
strongly depends on its molecular structure, the composition of the MPC
and other monomer units, and its molecular weight. The homopolymer of
the MPC easily dissolves in water and alcohol, but is insoluble in polar
organic solvents such as acetone, acetonitrile, tetrahydrofuran and a specific
composition of an aqueous solution of ethanol (60-92 vol% ethanol). The

Polymerizable group

OCHZCH20|F|’OCH2CH2N*(CH3)3

Phosphorylcholine group

2-Methacryloyloxyethyl
phosphorylcholine (MPC)

12.2 Chemical structure of 2-methacryloyloxyethyl phosphorylcholine
(MPC).
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12.3 Typical chemical structure of MPC polymer (PMB) for surface
modification.
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12.4 Adhesion of platelets on Ti alloy substrate and one coated with
MPC polymer (PMB).

introduction of other monomer units could change the solubility. This means
itis very easy to design an MPC polymer structure to adapt to a substrate that
is modified with the MPC polymer. These polymerization characteristics are
very important for obtaining a suitable MPC polymer for use as a biomaterial.
Controlling the monomer ratio determines the MPC unit composition in
the polymer. The MPC polymer has also been prepared with other polymer
architectures, such as block-type copolymers and graft-type copolymers,
by a conventional radical polymerization technique. The functional MPC
polymer is useful for surface modification and can convert block-type and
graft-type copolymers.

12.2.3 Biocompatibility and antithrombogenicity of
phospholipid polymers

Excellent antithrombogenic properties were observed when the MPC polymers
came into contact with blood components (Ishihara et al., 1992). Figure 12.4
shows scanning electron microscope (SEM) pictures of the polymer surfaces
after contact with platelet-rich plasma. Many platelets adhered to the surface
of the titanium alloy and were significantly deformed, but no cell adhesion
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could be found on the surface after being coated with poly(MPC-co-n-butyl
methacrylate(BMA)) (PMB). Moreover, even when the PMB was in contact
with whole human blood without an anticoagulant, the blood coagulation
was completely suppressed and a very clean surface was maintained. These
results clearly show that MPC polymers have excellent antithrombogenic
properties and MPC moieties in the polymers are an important element in
their antithrombogenicity. Protein adsorption is one of the most important
phenomena in determining the biocompatibility of materials. In general,
proteins adsorb on a surface within a few minutes of the material coming into
contact with body fluids such as blood, plasma or tears. Protein adsorption on
the MPC polymers from human plasma, as determined by radioimmunoassay
and an immunogold-colloid labeling technique, showed that the amount of
adsorbed protein was quite small and decreased with an increase in the MPC
moiety (Ishihara et al., 1991). The proteins existing on the surfaces of the
poly(BMA) and PMB that were in contact with the plasma were determined
by radioimmunoassay. The major components of plasma proteins such as
albumin, fibrinogen, and y-globulin and also minor components, were observed
on the surface of each material. Protein adsorption was reduced dramatically
with an increase in the MPC unit composition.

12.2.4 Performance of phospholipid polymer on medical
devices

As aresult of these characteristics, MPC polymers are used as coating materials
on various medical devices including cardiovascular stents (Whelan et al.,
2000), oxygenators (Myers et al., 2003), and catheters (Gobeil et al., 2002).
In the case of stents, the metal surface is covered with self-curable MPC
polymer to prevent initial thrombus formation when it is implanted into the
blood vessel. The surface inhibits any cell adhesion during the first stage
and then the stent is embedded into the blood vessel wall. The coating layer
functions as a drug reservoir and a sustained drug release can be achieved.
The next generation of stent to be developed will be a drug-eluting stent,
which will prevent excess bioreactions at the interface between the stent and
blood vessel after it has been embedded.

Snyder, Yamazaki et al. developed an implantable artificial blood pump
made from titanium alloy (Snyder et al., 2007), whose surface was modified
with high-molecular-weight PMB with 30 mol% of MPC units. It could be
physically attached to the surface, but a stable coating layer is produced by a
simple dip-coating method from its solution in ethanol. The performance of
the PMB layer in preventing thrombus formation was good and remained so
for more than 823 days in animal tests without any anticoagulant treatment.
In 2005, an artificial blood pump was implanted in a human being in clinical
trials and it continues to work well up to the present time.
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12.3 Surface grafting of 2-methacryloyloxyethyl
phosphorylcholine (MPC) polymer on titanium
alloy

12.3.1 Grafting of phospholipid polymer onto titanium
alloy

The covalent attachment of organosilanes has proved to be a simple and
versatile method for adjusting the properties of solid surfaces such as
wettability, adhesion and surface activity. Self-assembled monolayers (SAMs)
have been widely used for biofouling studies of material surfaces (Sigal et
al., 1998). Several functionalized SAMs on metal were prepared and the
effects of the surface chemistries on protein adsorption and cell adhesion
were discussed. Phosphorylcholine-assembled surfaces were of particular
interest for reducing biofouling. The procedure of surface modification
was classified into two approaches. One was the use of hydroxy group-
terminated monolayers; the other was the chemical or physical adsorption
of phospholipids or phospholipid derivatives onto alkylsilane monolayers
(Orban et al., 2000). A new method has been reported for the preparation of
hydridosilane monolayers on various metal surfaces (Fadeev and McCarthy,
1999). Surface modification with increased hydrophilicity is believed to be a
useful method for producing resistance to biofouling, and various polymers
have been modified with water-soluble polymers for biomedical use (Lee,
1990). Controlled surface modification of a Ti surface with MPC polymers
might be possible using a monolayer of organosilanes as the binding layer.
Iwasaki and Saito carried out research on the surface modification of a Ti
alloy using a well-defined MPC polymer (Iwasaki and Saito, 2003). They
performed a controlled immobilization of an end-functional MPC polymer
supported with a vinyldimethysilane (VDMS) monolayer on Ti (Fig. 12.5).
A chemical reaction occurred between the vinyl groups immobilized on the
surface and the amino group in the terminal part of the polymer, and grafting
was then achieved.

The introduction of vinyl groups onto solid surfaces is made possible
by varying the functionalities of the surface and improving the adhesion of
the polymers and inorganic materials. Amino group terminated poly(MPC)
(ATPMPC) chains with 7000 (7K-ATPMPC) and 22000 (22K-ATPMPC)
molecular weights were used for modification. After immobilization of the
MPC polymers, the surface properties were characterized by atomic force
microscopy (AFM), water-contact angle measurements and X-ray photoelectron
spectroscopy (XPS), with particular attention being paid to the mobility of
the grafted poly(MPC) chains.

The AFM image after grafting of the MPC polymer is shown in Fig. 12.6.
The surface roughness was significantly increased by the immobilization of
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12.5 Reaction scheme for surface modification by grafting with
poly(MPC).
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Reaction time

12.6 AFM images of Ti surface after grafting with poly(MPC).

the MPC polymers; therefore grafting to the surface could be confirmed. The
water contact angle data showed that the hysteresis between advancing and
receding contact angles on the ATPMPC-modified surface was larger than
that of the VDMS monolayer surface due to the mobility of the ATPMPC.
After a 24 h reaction time with 7K-ATPMPC, the advancing contact angles
did not change from those of the VDMS monolayer, whereas the receding
contact angles decreased. The advancing contact angles are attributed to
the hydrophobic portion at the surface. Therefore the VDMS is considered
to be still exposed at the surface during the 24 h reaction period. However,
the advancing water contact angles decreased after a 48 h reaction time and
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the size was stable for longer reaction periods. The advancing contact angle
data for 22K-ATPMPC were slightly lower than those for the 7K-ATPMPC
after the 48 h reaction time. The water contact angle data were in good
agreement with the XPS data (Fig. 12.7). The ratio of phosphorus atoms to
Ti atoms (phosphorus (P)/Ti ratio) attributed to the MPC unit for sample
surfaces modified with the 7K-ATPMPC, increased with an increase in the
reaction time. The P/Ti value of surfaces modified with 22K-ATPMPC was
lower than those modified with 7K-ATPMPC. There was no signal on the
Ti surface in direct contact with the 7K-ATPMPC. The VDMS monolayer
works to immobilize the ATPMPC on the surface covalently. The surface
density of the poly(MPC) on the Ti may also be controllable by changing
the surface density of the VDMS.

12.3.2 Protein adsorption on phospholipid polymer graft
surface

Adsorption of proteins on the graft surface was monitored by XPS analysis.
When protein adsorption occurs, nitrogen (N) attributed to the amino acid
residue or peptide bond in the protein may be observed (Fig. 12.8). The N/
Ti ratio on the surface after contact with serum albumin increased for a few
minutes. A high intensity of nitrogen was observed on the untreated Ti and
VDMS surfaces due to adsorbed albumin. However, albumin adsorption was
reduced on the PMPC-modified surfaces. Moreover, the surface property of
high molecular weight ATPMPC, which resists albumin adsorption, became

1.0
0.8
0.6 7K-ATPMPC
e o
o
0.4
o )
0.2 22K-ATPMPC
) S —
0 20 40 60 80

Reaction time (h)

12.7 P/[Ti ratio based on the surface density of poly(MPC) on Ti
substrate.
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12.8 N/Ti ratio based on the albumin adsorption of the Ti substrate
with various surfaces.

more effective. The order of the amounts of protein adsorbed was non-treated
Ti, VDMS monolayer, 7K-ATPMPC and 22-ATPMPC.

Controlled modification of the Ti alloy substrate with poly(MPC) was
carried out using the VDMS monolayer. The effect on the albumin adsorption-
resistance of grafting the MPC polymer was also clarified. Using organosilane
monolayers as the binding layer, precise modification of the surface with a
polymer is possible. This may be a promising method of reducing biofouling
on the Ti alloy substrate.

12.4 MPC polymer assembly on Ti alloy

12.4.1 Layer-by-layer molecular integration

Modifications of biomaterial surfaces have a long history in implantology
and form a major area of research. Since its introduction by Decher (1997),
the process of building up organic multilayer films through layer-by-layer
(LbL) self-assembly has attracted a great deal of attention and allows the
formation of interpolymer complexes by the deposition of oppositely charged
polyelectrolytes. The LbL method is renowned for being a convenient,
versatile, and efficient technique for generating biologically active surfaces.
Furthermore, various important methods have been introduced for forming
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multilayers by the LbL method, such as electrostatic interaction (Ren and
Shen, 2006), hydrogen bonding (Sukhishvili and Granick, 2002), and covalent
bonding (Brynda and Houska, 1996).

12.4.2 Surface modification by the layer-by-layer
procedure based on covalent bonding

Phenylboronic acid is known to rapidly form a cyclic boronic complex with
cis-diols (Yan et al., 2004) such as carbohydrates and some polymers such
as poly(vinyl alcohol) (PVA). It was synthesized using a new water-soluble
MPC polymer (PMBV) containing MPC, BMA, and 4-vinylphenylboronic
acid units (VPBA) (Fig. 12.9) (Konno and Ishihara, 2007). The interpolymer
complexation of a polymer made from boronic acid with PV A has been reported
to form a hydrogel due to the covalent linkage in both constituent polymers.
It is thought that the LbL deposition method would allow the combination of
PMBY and PVA to produce a polymer hydrogel multilayer bonded to the Ti
alloy (Choi et al., 2008, 2009). By constructing a multilayered hydrogel on
the Ti alloy surface, the surface may become much more biocompatible and,
moreover, the hydrogel layer could have a functional stage for the sustained
release of biologically active molecules.

The surface modification process is described in Fig. 12.10. The Ti
alloy substrates were treated with a mixture of concentrated H,SO, and
30% H,0, to generate hydroxy groups at the surface. A monolayer of
octadecylsilane (ODS) was prepared on the Ti alloy substrate by immersion
in octadecyltriethoxysilane solution. The ODS-treated Ti alloy substrates
were coated with an aqueous solution of photoreactive PVA with phenylazide
groups as photoreactive groups. The phenylazide groups were activated by
photoirradiation to generate radicals, which attack the alkyl group and form
a new covalent bonding. Thus, a PVA-modified Ti alloy substrate can be

CH, (|:H3
—CH,—CH; f CHZ—Cl o { CH,—CH+—
C=0 o c=o0
I
OCH,CH,0POCH,CH,N*(CH,)s OCH,CH,CH,CHj
y) /B\
HO OH
MPC BMA VPBA

Monomer unit mole composition (%)
MPC/BMA/VPBA = 57/25/18

12.9 Chemical structure of the MPC polymer for preparing
multilayered hydrogel (PMBV).
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12.10 Surface modification process by polymer integration using
layer-by-layer method.

obtained by this procedure. PMBV aqueous solutions were applied after the
PV A modified the Ti alloy substrate. The multilayer construction was created
by alternately dipping the Ti alloy substrates with bonded photoreactive PVA
into the PMBYV and PV A solutions for 10 min each, and subsequently rinsing
them with distilled water for 1 min. Six layers (3-bilayers), terminating with
a layer of PMBYV, were obtained by the LbL. method.

The preparation of the PMBV/PV A hydrogel layers on the Ti alloy substrates
via the LbL method resulted in a change in the weight of the substrates.
Weight measurements showed an increase in the multilayered hydrogel on
the Ti alloy surface as a function of an even number of coating layers. The
cumulative weight of PMBV/PVA after the formation of the 3-bilayers was
2.0 + 0.2 mg and the water content in the PMBV/PV A multilayer was about
450 %.

The assembly process was followed by IR spectrum measurement (Fig.
12.11). As the specific surfaces changed gradually from Ti alloy to PMBV,
each spectrum showed the particular peaks associated with the functional
groups of that surface. The silanized Ti alloy surface exhibited the band
corresponding to =Ti—O-Si= in the region of 970-1000 cm™'. And after
bonding the AWP layer to the silanized Ti surface, the spectrum exhibited
characteristic vibration at 1720 cm™' and 2960 cm™, corresponding to the
carbonyl group and an aromatic ring, respectively. However, no azide peak
was observed around 2200 cm!. After complexation with PMBYV, the
phosphate group in the MPC unit could be seen at 1080 and 970 cm™', and
peaks at 1720 and 1460 cm™! corresponding to =C=0 carbonyl stretching and
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12.11 IR spectra of the surface during polymer integration.

—CH,- bending were also observed, respectively. The appearance of peaks at
1330 cm™! is attributed to the B—O stretching modes in phenylboronic acid.
The peak around 3417 cm™' is associated with the —OH bands in PVA. The
thickness of the PMBV/PV A hydrogel increased exponentially as a function
of the number n of deposited layers. The final thicknesses of the PMBV/
PVA multilayers were determined as 6-8 um.

With the PMBV/PVA systems, the tendency is for an exponential increase
in the thickness of the multilayered hydrogel with the number of layers during
the build-up process. This phenomenon may be attributed to the diffusion
behavior of the outermost polymer layers, PMBV and PVA. Moreover, the
thickness and weight of the multilayered hydrogels of PMBV/PVA depends
on the polymer concentration. It means that both PVA and PMBYV, which
contain the hydrophilic phosphorylcholine group, attract water molecules. It
is thought that the contact angle data also support the hydrophilic property
of these polymers.

12.4.3 Surface characterizations of the phospholipid
polymer layer on Ti alloy

The contact angle depends on the nature of the surface wettability, and
measurements were performed to confirm the alternate deposition of PMBV
and PVA. Polymer hydrogel layers made by LbL methods on Ti alloy
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surfaces are expected to alternately change surface wettability. The static
water contact angle for PVA is approximately 60°, and that for PMBYV is 80°.
The subsequent adsorption of PMBYV made the surface slightly hydrophobic
compared to the PVA surface in a dry condition. However, in the case of
the captive bubble method, while PVA layers are approximately 40°, most
of the PMBYV layers are 20° and all of the 6th layers are 0°, regardless of
PMBYV concentrations. This means that the outermost layers of multilayered
hydrogel are totally covered with PMBV. The alternation of the static
contact angle and captive bubble contact angle strongly indicates that the
hydrogel layers were constructed regularly. XPS is a useful tool for obtaining
qualitative and quantitative information about the different elements at a
substrate surface. XPS was used to monitor each deposition step as it can
provide information about the surface phosphorus/carbon ratio (P/C ratio)
on the Ti alloy samples coated with different deposition layers; the results
are presented in Fig. 12.12. As the deposition cycle was repeated, the P/C
ratio could discriminate between the presence and absence of a PMBV
layer; that is, PMBV-terminated layers (the even number) exhibited four
times larger P/C values.

Both contact angle measurements revealed that the outermost layer was
exchanged alternately. In particular, since the captive bubble method indicates
the wettability of the surface in a wet condition, interesting information could
be obtained by comparing the results from the sessile drop method. When the
outermost layer was PMBYV, the contact angle in a dry condition increased
over that of PVA. This means that the surface of the PMBV layer was
covered with a hydrophobic group; that is, phenylboronic acid and the butyl
group of BMA. However, the contact angle of PMBYV in a wet condition was

Photoreactive PMBV PVA PMBV PVA PMBV
PVA treated layer layer layer layer layer
0.06
0.04 -
8)
o
0.02 —
0.00O I I I
1 2 3 4 5 6

Number of layers

12.12 Surface density of MPC polymer during molecular integration.
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very different to that in a dry condition. This is due to the rapid adsorption
of the water molecules around the hydrophilic phosphorylcholine groups in
the PMBV. As a result of the change of layer surface from PVA to PMBYV,
the P/C ratio in XPS increased because of the influence of PMBYV, which
contains a phosphorylcholine group.

12.4.4 Biological aspect of the phospholipid polymer
layer on Ti alloy

The morphological aspects of L929 cells grown on the differently loaded
multilayered hydrogel coatings were evaluated using SEM (Fig. 12.13). On
a plain Ti alloy substrate and on one modified with photoreactive PVA, the
adhesion and proliferation of L929 cells was observed during a one-day
culture, as usual. However, apparent differences in cell morphology were
found on PMBYV and PVA as compared to that on the titanium alloy substrate
and photoreactive PVA-modified substrate. The number of L.929 cells that
adhered to the PMBYV and PV A surfaces was significantly lower than the
number on the Ti alloy substrate and photoreactive PVA. In addition, the
L1929 cells did not preserve their normal spindle-like shape, but exhibited
circular shapes.

Titanium alloy
substrate

Photoreactive PVA
reacted

12.13 Platelet adhesion on Ti alloy substrate and one modified by
polymer integration.
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Cellular behavior is an important factor in interpreting the biocompatibility
of biomaterial. The cell morphology images revealed that Ti alloy and
photoreactive PVA surfaces permitted the adhesion, spreading, and
migration of L929 cells to a degree that PVA and PMBYV surfaces did not.
The adhesion of cells to surfaces is dependent on the adsorption of highly
adhesive proteins such as fibronetin and vitronectin, which link cells to the
biomaterial surface. It is generally accepted that hydrophilic polymers such as
poly(ethylene oxide)-based polymers and phosphorylcholine group functioned
polymers do not allow protein adsorption at their surface (Iwasaki, 1997).
Thus, they can reduce the adhesion of cells, including fibroblasts, platelets,
and macrophages. The MPC polymer-hybridized Ti alloy substrates and
multilayered hydrogels offer the potential for preparing blood-contacting
materials via the incorporation of the outmost layer, PMBV, which inhibits
the adsorption of proteins and the adhesion of cells.

12.4.5 Functionalization of the phospholipid polymer layer
as a drug reservoir on Ti alloy

Much attention is currently being paid to drug delivery systems that can
regulate the rate of drug release and release pattern over time. In the case
of cardiovascular stents, drug release can help the healing process of the
blood vessel after embedding the stent. A polymer coating may be suitable
for maintaining and controlling the release of drugs with various properties.
Therefore, the drug-releasing property of multilayered hydrogels formed on
the Ti alloy substrate was examined.

One of the anticancer drugs, paclitaxel (PTX), was used as a model drug.
The solubility of PTX in water is quite low, even if it contains PVA, but it can
be dissolved in PMBV aqueous solution. From this, a multilayered hydrogel
containing PTX could be made. To determine the time when PTX starts to
be released from different locations, three samples, with PTX at different
locations in the PMBYV layer, were built up and the release experiments were
performed. The results of PTX release are illustrated in Fig. 12.14, which
shows cumulative concentration vs. time. The PTX in the top layer (upper
side) started releasing after 10 min, the middle layer started releasing after
30 min, and the PTX at the bottom of the multilayer started releasing after
180 min. It was confirmed that the location of the layer with PTX caused
the differences in the releasing profile.

The basic mechanism for the construction of multilayered hydrogels is
the selective reactions between the boronic acid moiety in PMBV and the
hydroxyl groups in PVA. To initiate the LbL process, a silane coupling
reaction was used to introduce an alkyl group onto the Ti alloy substrates.
Thus, photoreactive PVA could bind covalently to the substrate surface
by photoirradiation. Subsequently, the PMBV/PVA hydrogel system was
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12.14 Release pattern of PTX from multilayered hydrogel prepared
on Ti alloy substrate.

fabricated. The process was followed by contact angle measurements and
XPS analyses; these results indicated that the surface properties changed
alternately, reflecting the nature of the polymer on the outer surface. The
thickness of the hydrogel increased with the number of layers. These data
suggested that PMBV/PVA successfully covered the Ti alloy substrate
surface. Furthermore, PMBYV, the outmost layer, was found to inhibit cell
attachment. The hydrogel layer can also entrap bioactive reagents effectively
and control their diffusivity.

It was concluded that Ti alloy substrates with multilayered polymer
hydrogels could be useful in applications such implantable devices and local
drug delivery systems.

12.5 Future trends

Metal biomaterials are needed to make not only implantable medical
devices but also bio-related devices including nano-needles, nanoparticles,
nanowire, and so on. The characteristics of the metal biomaterials are their
essential mechanical properties and processability. However, their surface
biocompatibility is not good enough and should be improved. Conventional
modification is performed using other materials, such as surface coatings
with bioceramics and biocompatible polymers. The polymers have a good
potential to provide surface functionality on metal biomaterials. Therefore,
we should pay much more attention to metal/polymer hybrid-type materials.
From this point of view, regulation between the metal and polymer layer will
be important in obtaining a stable and high-performance metal/polymer hybrid.

© Woodhead Publishing Limited, 2010



Biocompatible polymer assembly on metal surfaces 299

This chapter has described several examples of modifying a metal surface
using a phospholipid polymer. The surface modification occurred only for
a very thin layer and it did not affect the original mechanical properties of
the metal biomaterials. Other functions based on the hydrogel-like structure,
such as the controlled release of bioactive molecules, super-hydrophilicity,
and excellent lubrication properties, could also be added. Recent progress in
bioscience provides us with many biomolecules with high bioactive functions.
When tissue-activating proteins or inducing proteins can be incorporated into
the polymer layer formed on the metal biomaterials, these proteins can be
slowly released from the polymer layer. Thus, new tissue formation may take
place and finally metal biomaterials may be tightly adhered to tissue.

Metal-on-metal bearings have been used mainly because of their very low
long-term clinical wear rate. In a survey of the orthopedic field, orthopedic
researchers generally agreed that metal-on-metal bearings wear clinically at
a rate of 1-5 mm?/year, which is 10-100 times lower than the typical wear
rate for a conventional metal-on-ultrahigh molecular weight polyethylene
(UHMWPE) bearing couple. However, even in metal-on-metal bearings,
aseptic loosening induced by wear particles and metallosis remains a serious
issue in revision surgeries. In addition to metallosis, electrochemical corrosion
and carcinogenesis occurring due to the dissemination of wear particles to
other parts of the body have been reported. The size of wear particles in
metal-on-metal bearings is between 6 nm and 5 mm. The nanometer-sized
metallic wear debris is more easily digested by cells, bound into proteins,
and/or dissolved into body fluids than is the larger UHMWPE wear debris.
Several improvements to the bearing materials and surface modifications of
the metal have been attempted in order to reduce such wear particles. Surface
modifications of the metal surface with hydrophilic polymers may be suitable
for reducing wear due to the formation of a thin water layer at the interface
between the metal bearings. Kyomoto et al. (2009) performed fundamental
experiments to prepare a highly lubricious metal bearing material in which
the biocompatible MPC polymer was grafted onto the surface of a Co—-Cr-Mo
alloy. The excellent functions of MPC polymer-modified Co—Cr—Mo alloy
might avoid the activation of cell systems by the wear particles, thus entirely
preventing aseptic loosening and metallosis. In view of its greatly superior
lubricious and biological advantages, the metal/polymer hybrid is widely
expected to be the next-generation bearing material for artificial hip joints.
This will be beneficial in preventing many of the problems observed at the
interface between medical devices and tissues.

12.6 Summary

The fabrication of well-controlled polymer layers on a metal substrate has
been described. First, the modification of metal surfaces with phospholipid
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derivatives was described. The self-assembly properties of phospholipid
analogues were applied to obtain a protein-adsorption-resistant surface. The
basic chemistry used for the immobilization of the phospholipid analogues
was a silane-coupling reaction with a hydroxy group generated on the metal.
Following this, the construction of an artificial cell membrane surface was
described. A phospholipid polymer platform was constructed on the metal
substrate and then functionalized. The phospholipid polymer chains were
grafted onto the surface of the Ti by chemical reactions. The surface density
and thickness of the phospholipid polymer could be controlled. Another method
for modification that was described was the construction of a multilayered
polymer on a Ti alloy substrate via layer-by-layer self-assembly deposition.
Phospholipid polymers bearing a phenylboronic acid moiety (PMBV) and
poly(vinyl alcohol) (PVA) were used as polymer components. The hydrogel
layer growth on the Ti surface was initialized by the deposition of one layer
of PVA onto the Ti alloy substrate. The multilayered hydrogel was built
up by alternating the deposition of the PMBV and PVA. The phospholipid
polymer platform prepared on the Ti alloy substrate reduced the adhesion
and morphology of cells compared with those on an untreated Ti alloy
substrate. Moreover, the multilayered hydrogel could play an excellent role
in regulating the drug release profile. Therefore, a new controlled-release
system from the metal surface may be achieved. Thus, it could be concluded
that the formation of an artificial cell membrane structure by the phospholipid
polymer was effective in improving the biocompatibility of Ti alloy-based
medical devices.
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Sterilisation and cleaning of metallic
biomaterials

S. LEROUGE, Ecole de Technologie Supérieure, Canada

Abstract: Sterilisation should be considered at the earliest stages of design
of any new medical device intended for use in contact with sterile tissues,
mucous or breached skin, to ensure that the final product can be sterilised
effectively and safely. This chapter defines sterilisation concepts and
challenges. It then presents the main sterilisation techniques available, with
their advantages and limitations. Although this book focuses on metallic
implants, which are little prone to damage by sterilisation processes,
polymer alteration by the various sterilisation techniques are discussed since
nowadays most devices include polymeric compounds or packaging which
may be sensitive to high temperatures and radiation.

Key words: sterilisation, ethylene oxide, steam, radiation sterilisation,
Sterrad®, safety, efficiency, security assurance level (SAL), cleaning.

13.1 Introduction

Sterilisation is an important step in manufacturing implants or biomedical
devices to prevent the spread of infection. Failures in adequate sterilisation
of medical devices (MDs) result in significant institutional costs related
to patient nosocomial infections and mortality/morbidity concerns. It is
important to consider sterilisation issues and requirements at the earliest
stages of development of any new medical devices, to ensure that the final
product can be sterilised effectively and safely, with the most cost-effective
and environment-friendly procedures. Except for the rare instances when
sterilisation can take place where the sterile products are to be used, MDs
must be packaged to preserve their sterility during storage, handling, and
transport. The majority of sterile MDs are terminally sterilised — that is, they
are sterilised already packaged. If reusable, the device must sustain several
cycles of cleaning and sterilisation in clinical settings.

In the next section, the main concepts of sterilisation will be defined,
such as sterilisation efficiency and safety, which are the two most important
aspects to consider when choosing a biomaterial, designing the device and
choosing the packaging and sterilisation technique. When deciding on
a sterilisation method, one of the first considerations should be product
compatibility. All type of materials can be degraded to some extent by one
or more sterilisation processes. Sterilisation can also leave toxic products
that may impair device biocompatibility. For these reasons, functional and
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biocompatibility testing for US Food and Drug Administration (FDA) or
European Community (EC) approval must be performed on the final packaged
and sterilised products.

An overview of the main sterilisation processes and more recent alternatives
will be presented in Sections 13.3 and 13.4, with emphasis on their main
advantages and limitations. The most widely used MD sterilisation technologies
are gamma and electron beam irradiation, hot steam and ethylene oxide
(EO). Alternatives include low-temperature hydrogen peroxide gas plasma
(LTHPGP), vapour-phase hydrogen peroxide, ozone, liquid peracetic acid,
X-rays and chlorine dioxide. Although this book focuses on metallic implants,
which are resistant to heat and are little prone to damage by sterilisation
processes, it should be kept in mind that many metallic devices nowadays
include small polymeric parts (adhesives, interconnectors, liners, protective
layers and so on) and are packaged with materials that may be sensitive to
high temperatures and radiation.

In Section 13.5, prion and endotoxin deactivation will be briefly discussed,
as this represents an important challenge due to their high resistance to
sterilisation techniques. Cleaning methods will be presented in Section
13.6. Finally, Section 13.7 will briefly present the many regulations and
standards related to sterilisation and will propose other useful sources of
information.

13.2 Concepts and definitions
13.2.1 Sterilisation efficiency

Sterilisation efficiency is defined as the ability to remove or destroy all forms
of microbial life, including viruses, bacteria and fungi, in the vegetative
state or as spores (Crow, 1993). Since absolute sterility cannot be verified,
the statistical definition of sterility is used in practice, by using the Security
Assurance Level (SAL), defined as ‘the probability of a single viable micro-
organism occurring in or on a product after sterilisation.” The worldwide
accepted definition of sterility of medical devices is defined as the chance
of finding a viable organism in or on a medical device to be, at most, 1 in
1000000 or a SAL of, at most, 107° (Block, 2000).

13.2.2 Sterilisation versus disinfection

It is important to distinguish sterilisation from disinfection, which does not
ensure the same security level and does not necessarily inactivate all forms
of micro-organisms — bacterial spores for instance. The choice between
sterilisation and disinfection must be done according to the risk of spreading
infection. Thus, according to the Spaulding Classification (1972), sterilisation
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is required for all critical medical devices, i.e. those intended to be used in
contact with sterile tissues, and is recommended for semi-critical devices,
e.g. those intended to be in contact with mucous tissues or breached tissues,
such as endoscopes. A high level of disinfection is, however, acceptable for
the latter (Spaulding, 1972).

Sterilisation should not be confused with cleaning, which is defined as the
removal of all foreign material (dust, soil and organic debris). Yet cleaning
devices is an important step before sterilisation, especially in healthcare
centres, since it has been demonstrated that it is more difficult to sterilise
devices where micro-organisms hide behind proteineous or greasy matter.

13.2.3 Sterilisation validation

Sterilisation validation studies must document that the product attains
the required SAL after exposure to the proposed process. In the industry,
sterilisation validation is evaluated by determining the typical bioburden
(type and number of viable microorganisms on the implant just prior to
sterilisation) after the manufacturing process and using fractional-run
sterilisation studies to determine the rate of killing. In a fractional sterilisation
run, product samples (in packages) are exposed to various fractions of the
desired sterilisation process or dose. The number of survival microorganisms
is reported graphically on a semi-logarithmic scale to extrapolate the exposure
time or dose required to achieve a 107® SAL (Fig. 13.1). A security factor
is then generally applied.

As seen in Fig. 13.1, microorganism inactivation does not follow a linear
curve but generally a semi-logarithmic function. At a certain temperature
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13.1 Typical deactivation curve of bacterial spores during steam
sterilisation, which allows the calculation of the D-value (D4,4) as the
time required to decrease the number of spores by 90% at 121 °C.
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(here 121°C), the same exposure time is required to decrease the number
of microorganisms from 10°to 10° as from 10 to 10'. This exposure time
(or dose, in the case of radiation sterilisation) required to kill 90% of the
microorganism burden is called the D-value (the decimal reduction time)
and is very useful in calculating the exposure time required to achieve SAL
from a known bioburden. Such a parameter does however not exist for every
sterilisation process.

Validation studies must be done on product samples prepared under actual
manufacturing conditions and exposed to the sterilisation process under its
final packaging configuration. Device geometry (small lumen or cavities)
can be of concern when sterilisation agents have limited penetration. More
details about sterilisation process validation can be found in the specific ISO
documents (ISO11134, 1994; ISO11135, 1994; ISO11137, 1993)

It is important to differentiate between industrial sterilisation and
resterilisation of reusable devices achieved in healthcare centres. In the latter
cases, the bioburden cannot be easily determined since it can be influenced by
several factors and a more drastic sterilisation called ‘overcharge’ sterilisation
is therefore generally used, considering an initial microbial charge of 10° per
device. Moreover, cleanliness is another important parameter for reusable
devices, and this must be taken into account when designing the device, to
avoid unreachable cavities.

Even once the process has been validated, its efficiency must be verified on
each sterilisation load. With an increasing number of sterilisation processes,
product release can be based on dosimetric release, parametric control, or
process control. As discussed later, monitoring the delivered radiation dose
is sufficient to allow product release after gamma sterilisation. In contrast,
EO process control is more complex since several parameters such as EO
concentration, humidity rate, time, temperature, and vacuum/pressure influence
process efficiency. In many cases, monitoring sterilisation efficiency requires
biological indicators (BI) containing bacterial spores. While conventional
BI requires 24 to 48 h spore incubation before reading results and releasing
sterilised products, a new generation of BI, using spore-associated enzymes,
is now able to detect sterilisation failure in only a few hours (McCormick et
al., 2003; Rutala et al., 1996; Leventon, 2002; Rutala and Weber, 2001).

Finally, an expiration date must be labelled on sterilised products given
that packaging materials cannot indefinitely prevent recontamination with
micro-organisms. The time allowed between sterilisation and clinical use
mostly depends on the type of packaging material used. For costly single-
use devices such as implants, manufacturers should take this matter into
account to avoid withdrawal of unused and expired sterilised products from
the market.
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13.2.4 Sterilisation safety

Safety of sterilisation is a broad term including concerns for patients,
sterilisation personnel and the environment. The first concern with the choice
of a sterilisation process is the demonstration that the product is compatible
with the sterilisation process; the integrity of the product and of the packaging
which maintains its sterility after the process must be demonstrated since most
sterilisation conditions can degrade materials. This could lead to a significant
loss of functionality or biocompatibility of the device. For instance, toxic
residues or by-products may be formed on devices during sterilisation. It is
then essential to ensure that patient exposure to these residuals stays below
safe limits. Metallic biomaterials are generally resistant to most processes but
packaging materials are often polymers and most new devices now incorporate
also small amounts of polymeric compounds, which are more sensitive to
sterilisation conditions. Moreover, metallic reusable devices can also be
damaged by multiple sterilisation exposures such as corrosion of carbon
steels after steam sterilisation. These issues will be specifically addressed
when discussing each sterilisation process. One should also be aware of
the possible direct harm of the sterilisation process towards manufacturing
personnel and the environment, as will be discussed in the ethylene oxide
sterilisation section. National or international regulations may also lead to
progressive proscription of a sterilisation method with time, as has already
been done for chlorofluorocarbon gas (CFC), an ozone-layer depletion agent
commonly used to stabilise ethylene oxide, now forbidden in EO sterilisers
in most countries (Jorkasky, 1993).

13.3 Principal sterilisation methods for biomaterials;
advantages and limitations

13.3.1 Overview of sterilisation processes

Gamma radiation and ethylene oxide are still the main industrial sterilisation
processes of medical devices but several other processes, such as moist heat
(steam autoclave), dry heat, electron beam radiation and, more recently,
low-temperature hydrogen peroxide gas plasma, ozone or peracetic acid are
available and are increasingly used in healthcare facilities. Process principles
and inactivation mechanisms, as well as main advantages and disadvantages,
of each of these processes will be described in the following section. Main
parameters, as well as advantages and disadvantages are reviewed in Table 13.1.

13.3.2 Radiation sterilisation

Radiation sterilisation is still the main industrial sterilisation process for
single-use medical devices. Sterilisation processes using radiation include
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Table 13.1 Parameters, advantages and limits of the main sterilisation processes

Technique

Main parameters

Advantages

Limits

Steam sterilisation
(autoclave)

Dry heat

Gamma radiations

Electron-beam

Ethylene oxide (EO)

121 °C, 5-20 min
High humidity level

Options:

Flash autoclave 134 °C, 3-6 min
in vacuum with steam pulses
Low temperature steam
(110-115 °C, 35-40 min)
160-170 °C

1-2 hours

10-40 kGy (most common

25 kGy)

Ambient temperature
A few hours

11-40 kGy

25-65 °C (generally 55 °C)
High humidity

EO: 400-1500 mg/L

2-4 hours + aeration

Simple, safe, rapid and efficient
Good penetrability

Easy to monitor

No toxic residues

Can sterilise liquids

Low cost

Rapid

Allows sterilisation of more heat
sensitive materials

Generally avoids metal corrosion

Excellent penetrability, efficiency
and reliability

Dosimetric release

Large product volumes

Cost effective

Compatible with many materials
No residues

Environmentally safe, except for
the disposal of radioactive waste

Very rapid (seconds/minutes)
Compatible with more materials
than gamma rays

Compatible with most materials
Efficiency, relatively good
penetrability

High temperature and moisture
Incompatible with many thermosensitive
polymers.

Metals may corrode

Requires breathable packaging

Incompatible to many materials due to very
high temperature and moisture

Longer exposure

Efficiency subject to some controversy

Longer exposure than steam

Isotope containment requires costly
facilities for safety reasons

Only available in a few industrial centres
Some polymer damage, increasing with
increased doses

Limited to single industrial sterilisation

Lower penetrability than gamma rays
Less penetration than gamma

Long cycle and safety risks

EO toxicity and mutagenicity: Safety risks
for sterilisation personnel

Toxic EO residues and reaction products in
polymers: requires aeration

EO may be banned by regulations

Difficult to monitor

80¢
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gamma rays, electron-beam process, and, more recently, X-rays. Gamma
rays from a Cobalt (Co) or Cesium (Cs) isotope source are by far the most
popular and widespread agent (Block, 2000; Booth, 2001).

Gamma radiation

Gamma rays have an energy of about 1.2 MeV and are highly penetrating,
thus allowing sterilisation of large amounts of densely packaged materials
but requiring highly specialised facilities to protect workers from radiation.
Figure 13.2 presents a typical industrial ’Co irradiator, where the radioisotope
is contained in sealed ‘pencils’ around which medical products are moved.
Gamma radiation requires bulky shielding for the safety of the operators; it
also requires storage of the radioisotope, which continuously emits gamma
rays. A water-filled pool is therefore used to immerse the source when
personnel require to enter the radiation cell. For safety reason, gamma ray
sterilisation cannot be performed in clinical facilities and takes place only
in a few industrial centres.

Gamma rays cause ionisation of key cellular components, especially nucleic
acids, which results in the death of micro-organisms (Hutchinson, 1961).
DNA is also altered by oxidoreduction reactions due to water radiolysis into
H* and OH™ radicals under ionising radiations. These radiations are highly
effective in killing micro-organisms, but they do not have sufficient energy
to impart radioactivity to the sterilised material

Gamma sterilisation is performed at ambient temperature and allows
sterilisation of temperature-sensitive material. The high penetrability of
gamma rays permits large sterilisation loads and reliability, even in complex
geometries and densely packaged materials. Other benefits include precise
dosing, rapid processing, uniform dose distribution, and FDA dosimetric
release. This last point means that control of the dose of radiation delivered
to the product (by dosimeters placed in containers, read after the process) is
sufficient to ensure efficiency. It allows elimination of sterility tests using BI
and permits immediate availability of product after processing, both of these
allowing cost savings. The most commonly validated dose used to sterilise
medical devices is 25 kGy (kilograys). While steam and EO sterilisation
require packages that are permeable to the gases and vapours, radiation
sterilisation is compatible with nonbreathable packaging. This allows for a
wider selection of materials of choice for the package.

Gamma radiation is compatible with many materials, including all metallic
alloys which are very stable to radiation. While all polymers are affected in
some degree by ionising radiation, many have a natural tolerance for sterilising
radiation doses of up to and beyond 50 kGy, with the notable exceptions of
acetal, unstabilised polypropylene (PP) and polytetrafluoroethylene (PTFE
or Teflon) (Fig. 13.3). Polymer irradiation can lead to molecular-chain
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13.2 An industrial gamma sterilisation irradiator (©MDS Nordion; www.mdsnordion.com).
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13.3 Relative stability of medical polymer families after radiation
sterilisation, indicating the dose at which elongation decreases by
25%. Reprinted with permission from Medical Device and Diagnostic
Industry ‘Radiation Sterilization-Polymer Materials Selection for
Radiation-sterilized Products,” Feb 2000. Copyright ©2000 Canon
communications LLC.
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crosslinking or scission, and possible alteration of mechanical properties
(Bruck and Mueller, 1988; Collier et al., 1996; Nair, 1995; Plester, 1970;
Premnath et al., 1996; Yagoubi et al., 1997; Ries et al., 1996). While polymers
with cyclic groups such as polystyrene (PS) are highly resistant to radiation,
others such as PTFE, nylon, acetal and cyanoacrylates have high radiation
sensitivity (Kowalski and Morrissey, 2004; Morrissey and Ratner, 1998).
More complete data on various polymers’ compatibility with radiation can
be found in other books (Massey, 2005; Hill, 1998; Rogers, 2005). Most
bioresorbable polymers are also too sensitive to radiation to be sterilised
by this process. It has also been shown than gamma radiation provides an
environment conducive to the oxidation of UHMWPE used in load-bearing
joints. Gamma sterilisation processes in inert environments (argon, nitrogen or
vacuum) instead of ambient air are now commonly used to reduce oxidation
and improve wear resistance of UHMWPE for such applications. Colour
change is common in PVC, PC, PS, ABS and acrylics, before any physical
change can be detected. Irradiated polymers (such as polyurethanes) can also
be the source of strong odours. For more sensitive polymers, the first and
most significant change in mechanical properties is the loss of elongation to
break. This is due to molecular shortening by scission and is one reason to
start with high molecular weight materials. It should be noted that gamma
compatibility is less an issue than before since suppliers have introduced
a variety of radiation-compatible materials that are now being specified by
device manufacturers.

While ideal for the sterilisation of many single use devices, gamma radiation
is not very appropriate for resterilisation of medical devices. Reasons are
that this method cannot be performed in clinical settings and that repeated
irradiation may cause important damage to polymers.

Electron-beam, X-ray and ultraviolet light radiation

Electron beam (e-beam) processing is commonly used for industrial MD
sterilisation (Reich et al., 2005; Block, 2000). Similar ionising mechanisms
are involved to those encountered with gamma rays, but high energy electrons
are here machine-generated using an accelerator. The electron energy is
then higher than with gamma rays (between 4 and 6 MeV) (Massey, 2005;
Woo and Sandford, 2002). While these installations must also be installed
in a concrete room to contain electrons, they use an on—off technology (no
radiation is emitted once the accelerator is turned off and personnel can
then safely enter the sterilisation room) which decrease costs and give this
process wider use than gamma sterilisation.

Due to the higher dose rate, less exposure time is needed and thereby
potential degradation of polymers is reduced, making e-beam compatible
with more materials than gamma radiation. It can degrade rubber and
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polypropylene but these materials now come in grades that are e-beam
compatible. The process can also be harmful to electronic components or
batteries. The main limitations of electron beam processing are however the
much lower penetration of electrons compared to either gamma or X-rays,
and the shadowing effect, which make this method unsuitable for thick or
densely package products, and more risky for devices with complex geometries.
Penetration of electrons is directly related to their kinetic energy and to the
acceleration voltage used.

X-ray sterilisation is growing as a result of recent increases in the beam
power ratings of industrial electron accelerators, which can generate intense
X-ray beams. X-rays are more penetrating than e-beams, but less than gamma
rays. They are more costly than gamma processes but will decrease exposure
times, require less shielding and shorten turnaround times. X-ray sterilisation
is still in the experimental phase but standards already exist and several
electron beam facilities in Europe, Japan and North America are already
equipped for both electron beam and X-ray sterilisation (Stichelbaut et al.,
2007) (ISO/ASTM 51608:2002).

In contrast, ultraviolet (UV) light radiation has very low penetrability and
is limited to the treatment of surfaces. UV irradiation by germicidal lamps
is routinely used to sterilise the interiors of biological hoods between uses,
but is ineffective in shaded areas, including areas under dirt.

13.3.3 Moist and dry heat sterilisation
Steam sterilisation

Steam sterilisation has limited industrial application but is very commonly
used in healthcare facilities. A steam steriliser, also known as an ‘autoclave’,
uses saturated steam at 121-132 °C. A typical standard for steam sterilisation
is achieved after 15 to 30 minutes under a pressure of 106 kPa (1 atm) once
all surfaces have reached a temperature of 121 °C (Block, 2000). To insure
reliability of this sterilisation method, the critical factors are: (i) proper
temperature and time; and (ii) the complete replacement of the air with
steam (i.e. no entrapment of air). Some autoclaves use a pre-cycle vacuum
to remove air prior to steam introduction. Others utilise a steam activated
exhaust valve that remains open during the replacement of air by live steam
until the steam triggers the valve to close.

Moist heat sterilisation kills microorganisms by destroying structural
and metabolic components essential to their replication. The coagulation
of essential enzymes and the disruption of proteins and lipids are the main
lethal events (Kowalski and Morrissey, 2004). The advantage of wet heat
is a better heat transfer to, and into, the cell, resulting in needing an overall
shorter exposure time and a lower temperature (Block, 2000).
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Steam sterilisation has many advantages. It is a simple, rapid, effective, safe,
environment-friendly and low-cost sterilisation method. It yields little waste
(entropy is its only by-product). Monitoring physical parameters (moisture,
temperature, time, etc.) can be used to ensure efficiency of sterilisation,
although biological indicators are still commonly used in several countries. It
can also sterilise liquids. It is therefore commonly used in healthcare centres
for the sterilisation of reusable metallic devices and instruments, hospital
linen, various solutions, etc.

Its main limitation is clearly that it is incompatible with many materials.
Steam sterilisation damages most polymers. It can also cause corrosion of
some metallic devices, in particular high carbon steels used for surgical and
dental instruments, and cause unprotected cutting edges to dull. Moisture also
can adversely affect electronics. To avoid this, it is of utmost importance
to clean and thoroughly dry the instruments before sterilising by autoclave.
One way to reduce progressive corrosion of carbon steel instruments is to
dip them in an anticorrosive solution prior to autoclaving (Stach et al., 1995;
Holmlund, 1965). In surgical trays, contact between instruments of dissimilar
metals should be avoided to prevent galvanic corrosion.

Damage on polymers can vary from a little oxidation to complete
distortion and melting, depending on polymer composition and properties.
It is not possible here to do a complete review of polymers regarding steam
sterilisation. More information can be found in handbooks. It is important
to mention that some polymers can be safely sterilised by steam. This is the
case of polypropylene (PP), PTFE, aromatic polyurethanes, nylons, Tyvec,
polycarbonate, etc. Others will undergo mild to severe changes. Steam
sterilisation of certain polyurethanes may result in a toxic hydrolytic by-
product, dimethyl aniline (Shintani, 1995). The number of plastic materials
capable of being steam sterilised will vary considerably with the selected
temperature of sterilisation. To accommodate more heat-sensitive polymers,
so-called ‘low-temperature’ steam sterilisation is sometimes used, but is
subject to controversy. The process then takes place at 110-115 °C, but
during 35-40 minutes instead of 10—15 minutes once temperature is obtained.
In contrast, fewer materials can be sterilised by flash sterilisation, which
uses higher temperatures (134 °C, 3—6 min in vacuum with steam pulses).
Flash sterilisation is used in a clinical setting when an instrument or device
is needed urgently (Carlo, 2007).

Dry heat sterilisation

To avoid metallic corrosion, dry heat sterilisation can be used as an alternative,
but it is less efficient than wet heat and requires longer times and/or higher
temperatures. In order to accomplish the same effect with dry heat in an oven,
the temperature needs to be increased to 140 °C for 3 hours or 160-170 °C
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(320-338 °F) for 1 or 2 hours (Block, 2000; Kowalski and Morrissey, 2004).
Dry heat can sterilise some electrical components without damaging them,
and it can sterilise metals without producing corrosion.

13.3.4 Ethylene oxide gas sterilisation

Ethylene oxide (EO) gas sterilisation is widely used in the biomedical
industry as well as in health-care centres, especially for temperature-sensitive
materials. However, due to potential hazards of EO to patients, staff, and the
environment, regulations have tended to decrease its use in several countries
and may even ban it within a few years or decades.

EO gas (Fig. 13.4) is an alkylating agent that reacts with the cellular
constituents of organisms, such as nucleic acid and functional proteins,
including enzymes, which leads to consequent denaturation. The addition
of alkyl groups to proteins, DNA, and RNA in micro-organisms prevents
normal cellular metabolism and the ability to reproduce, which render
micro-organisms nonviable. EO sterilisation takes place in a sterilisation
chamber under vacuum to prevent EO leakage outflow. Gas concentration,
moisture level (between 30-80%), and temperature (between 40-55 °C) must
be carefully controlled throughout the process (around 2 hours) to ensure
efficiency. This process is preceded by a preconditioning phase during which
time the products are heated and humidified (humidity is synergistic for EO
inactivation of spores), and followed by an aeration phase to remove EO
residues.

The main advantages of this low-temperature chemical sterilisation process
are its effectiveness, its reliability and more especially its compatibility with
most materials, including all metals, ceramics and most polymers. A few
polymers can be, however, altered by this alkylating agent.

Unfortunately, EO gas has also been shown to be toxic, haemolytic, and
mutagenic, and is classified as a potential carcinogen (A2). The United States
Occupational Safety and Health Administration (USOSHA) permissible
exposure limit is 1 part per million over an 8-hour shift. Safety procedures
must be taken to prevent exposure of personnel to EO. Toxic EO residues
or by-products (ethylene chlorohydrin, and the less toxic ethylene glycol)
can also stay on medical devices and desorb during their clinical use (Page,
1993). The aeration phase which must follow the sterilisation process can
last only a few hours for metallic devices but up to several weeks for some
polymers that easily absorb EO and slowly desorb it (Handlos, 1980). This
time period can be significantly shorter when using the new generation EO
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13.4 Ethylene oxide molecule.
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sterilisers designed to allow aeration within the sterilisation chamber. An EO
sterilisation cycle duration is typically of 12 hours to several days. While this
is not a big issue for industrial sterilisation, it requires hospital centres to buy
several batches of similar devices to ensure their availability. Regulations
and ISO10993 standards for evaluation of EO residues on medical devices
have been created to prevent safety problems associated with EO.

Another safety concern is that EO, mixed with air at a ratio of at least
3% EO gas, forms an explosive mixture. Commonly used to stabilise EO in
the past, chlorofluorocarbon gas (CFC) is now forbidden by regulations due
to the ozone depleting nature of CFCs. Hydrochlorofluorocarbons (HCFC)
with smaller ozone depletion potential will also soon be banned in many
countries. Many industrial sterilisation settings now use 100% EO, which
requires intrinsically explosion-safe equipment and instrumentation. EO can
also be mixed with CO,, but this requires a high-pressure process.

Finally, since EO is also toxic for the environment, guidelines for the
reduction of ethylene oxide emissions from sterilisation facilities are
limiting its use in several countries such as Canada, Europe and the USA,
and may lead to the abandonment of this technique within a few decades
(EnvironmentCanada, 2005). This situation requires a safe alternative to
ethylene oxide for reprocessing heat-sensitive medical devices.

13.4 Alternative sterilisation methods

The main low-temperature alternatives to EO include low-temperature
hydrogen peroxide gas plasma sterilisation (LTHPGP), ozone, vapour
hydrogen peroxide, chlorine dioxide, and immersion into liquids such as
peracetic acid or formaldehyde solution.

13.4.1 Low-temperature hydrogen peroxide gas plasma
sterilisation

Low-temperature hydrogen peroxide gas plasma sterilisation (LTHPGP),
marketed under the trade name Sterrad® (Advanced Sterilisation Products
(ASP), Johnson and Johnson, Irvine, CA) is the most widespread novel
technology in North America and Europe. This process combines an oxidative
chemical phase (vaporised hydrogen peroxide, a strong antimicrobial agent),
followed by low-temperature plasma. The five phases or stages of the LTHPGP
sterilisation process consist of vacuum, H,0, injection, diffusion, plasma,
and vent (Fig. 13.5) (Rutala et al., 1999). Briefly, after vacuum and diffusion
of H,0,, an electromagnetic field is created in which the hydrogen peroxide
vapour breaks apart, producing a low-temperature plasma cloud, a partially
ionised gas that contains ultraviolet light and free radicals. Following the
reaction, the activated components lose their high energy and recombine to
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13.5 Sterrad® 100S steriliser process diagram (with the permission
of Johnson & Johnson).

form oxygen and water. Although most inactivation efficiency is provided by
the chemical phase, gas plasma can further kill micro-organisms and helps
in eliminating H,0, residues (Lerouge et al., 2002c).

The first Sterrad® system was cleared in 1993 as an alternative to ethylene
oxide and has known wide success with several thousand systems in clinical
facilities. In many countries it has become the most common low-temperature
alternative to EO. Several systems of different load size are presently available
(Rutala and Weber, 2001); the cycle duration ranges from about 38 min for
the smallest (Sterrad®NX, 30L, conceived for operating rooms and small
facilities) to 75 min for the largest chamber (150L) (Sterrad®200).

More generally, low-pressure plasmas have been shown to kill micro-
organisms very rapidly (Lerouge et al., 2000b); other sterilisation processes
based on gas plasma processes are under development (Kylian et al., 2006,
2008; Baxter et al., 2005; Halfmann et al., 2007). It is a promising technology
in that it acts rapidly, does not leave toxic residuals on processed parts or in
the exhaust gas, and the temperature of a substrate usually does not exceed
60 °C. This field is rapidly moving forwards, for sterilisation as well as for
cleaning processes.

Sterrad® sterilisation is an interesting technology since it is a fast, low-
temperature process, in which chemical active species disappear practically
immediately after the plasma power is turned off; by-products are water
vapour and oxygen. It is therefore potentially safer for healthcare workers,
patients and for the environment, and this eliminates the need for aeration
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or ventilation. In hospital centres, the quick instrument turnaround decreases
the need for duplicate inventories and associated costs.

The limited penetrability of vaporized and plasma reactive species into
the innermost areas, lumens and packaging materials is the main limitation
of this technology. This limits the size of each sterilisation load, and impairs
the efficiency for some devices, especially those with small diameter/length
ratio of lumens. Moreover, Sterrad® sterilisation systems and operation are
relatively expensive.

Finally, material damage, especially to polymers, can be induced by
oxidative species (Lerouge et al., 2000a). Little is known about this issue
compared to the numerous data acquired regarding alterations by radiation
or heat sterilisation. Polyacetal and nylons may have limited life. Paper,
cellulose, and linen absorb H,O, and cannot be processed by this technique.
Despite these limitations, Sterrad® systems’ efficiency and safety have been
tested on hundreds of devices from many different manufacturers.

13.4.2 Ozone sterilisation

Another interesting alternative to EO is ozone (Os) sterilisation. Ozone has
been already used for decades for water decontamination (Dufresne et al.,
2008; Murphy, 2006). Ozone sterilisers for medical devices, such as the
125L system marketed by Technologies of Sterilisation with Ozone Inc.
(TSOs3, Québec, Canada), have been recently approved by the FDA and
HealthCanada. Ozone is an oxidative gas, which quickly and effectively
deactivates microorganisms by denaturing cell membranes. It can be created
in an enclosed ozone generator by passing oxygen through an electrical field
that converts the oxygen (O,) into Os. In the 125L system, the sterilisation
cycle lasts about 4.5 hours and is divided into two identical half-sterilisation
periods, where vacuum is created, following by humidification of devices and
generation of ozone. The ozone produced is measured by an in-line ozone
monitor, ensuring proper sterilant quality.

The main advantages of ozone sterilisation are low-temperature (temperature
range of 30 °C-36 °C), safe and easy use, and absence of toxic by-products
or residues. Moreover, since operation requires only water, oxygen and
electricity, operation costs are low.

The main disadvantage is the limited number of devices for which this
sterilisation process has been cleared to date, partly because of its recent
development and partly inherent to the process itself. O5 is a very strong
oxidiser. The humidity within the sterilisation chamber is high, a factor that
may cause natural rubber and some plastics to degrade. Metals may also
corrode using this technique. Moreover, easy recombination of Os in O,
on materials surfaces limits its efficiency in complex geometries and long
lumens. The TSOj; ozone steriliser has gained FDA clearance for stainless steel
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devices with rigid lumens. The system is not intended for use in processing
any flexible endoscopes, glass or plastic ampoules or liquids. To date, it has
not been cleared for implants or devices intended to be in contact with the
human body for more than 24 h. Latex and textile fabrics should also not
be processed.

13.4.3 Other sterilisation techniques

Other sterilisation techniques for healthcare centres are under decline or in
development. For example, low-temperature steam formaldehyde is used
in European countries (UK, Sweden, Holland, Germany) instead of EO
(Rogers, 2006). It shares many characteristics of steam sterilisation but at
lower compatible temperatures (65—-85 °C). Formaldehyde is, however, toxic
and a potential carcinogen. Gaseous formaldehyde has been around for many
years but is used less than it was previously because of toxicity, odour and
carcinogenicity. It is still used in several countries, mainly in Asia.

Another available alternative for chemical sterilisation is chlorine dioxide
gas (ClO,), an oxidative gas, which is best efficient at temperatures ranging
from 25-30 °C (Kowalski and Morrissey, 2004). The process has been shown
to be effective for the sterilisation of medical products. It is relatively rapid
(1.5 to 3 hours) in duration, and there is little or no need for post-sterilisation.
However, this strong oxidative gas also requires prehumidification and may
corrode some materials.

Liquid sterilisation, consisting of immersing devices in peracetic acid or
glutaraldehyde, is also commonly used for reusable endoscopes but should
be considered as a high level disinfection owing to the efficiency limits and
the inability to conserve sterility after sterilisation (Rutala et al., 1998). The
System 1 Sterile Processing System (Steris) uses a liquid peracetic acid
solution with a proprietary anti-corrosion formulation to sterilise metallic
endoscopes, cameras or other long lumen instruments.

Pulsed high-intensity light sterilisation and microwave sterilisation have
also been the subject of a number of patents.

13.5 New challenges for sterilisation
13.5.1 Prions

Healthcare resterilisation is challenged by the risk of transmission of prions
(short for proteinaceous infectious particle). Stanley Pruisner, winner of the
Nobel Prize in Physiology or Medicine in 1997, determined that a prion is
neither bacterial nor fungal nor viral, and contains no genetic material. It
is a protein that occurs normally in a harmless form but can fold into an
aberrant shape, able to self-replicate and to be the agent of infection in a
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variety of degenerative brain diseases, such as Creutzfeldt-Jakob disease
(CJD), fatal familial insomnia, an unusual form of hereditary dementia known
as Gertsmann—Straeussler—Scheinker disease, or the well-known bovine
spongiform encephalopathy (BSE) in animals (Prusiner, 1995; Rosenberg,
1997).

Prions have been shown to be transmissible via several routes, including
transplantation and contaminated medical products. They are notoriously
resistant to processes known to inactivate bacteria, spores and viruses
(Steelman, 1999; Taylor, 2000; Zobeley et al., 1999). None of the conventional
sterilisation procedures has been shown to be completely efficient. Since
these diseases are progressive and cannot be diagnosed efficiently, preventing
their transmission is a real challenge. To prevent accidental transmission of
CJD, various decontamination procedures have been adopted for re-usable
medical devices in contact with high risk tissues, such as instruments for
brain, spinal cord and eye surgeries. For patients with known or suspected
Creutzfeldt-Jakob disease, it is even recommended to discard instruments
used for surgery, since no proven technique is available. In terms of practical
application, autoclaving at 134 °C for 18 min or 121°C for 30 min, and IN
sodium hydroxide for 15 min strongly reduces infectivity but not completely.
Moreover, most materials do not sustain such aggressive conditions. Recently
promising results showed elimination of detectable levels of infectivity
after using an alkaline cleaner followed by autoclaving (Fichet et al., 2004;
Lawson et al., 2007; Lemmer et al., 2008) or when using an enzymatic
cleaning preparation in conjunction with gaseous hydrogen peroxide (Fichet
et al., 2007). In contrast to the gas form, liquid peroxide was not effective.
Other novel sterilisation methods have shown promising preliminary results
and are under assay, such as LTHPGP, pure plasma processes, and ozone
(Baxter et al., 2005).

13.5.2 Endotoxins

Endotoxins are another challenge for sterilisation. Endotoxins are
lipopolysaccharides found in the cell wall of Gram-negative bacteria,
which can induce inflammation and fever as an immune response in higher
organisms. Reaction to endotoxins can lead to anaphylactic shock and death
of patients. This risk has been illustrated in rare but serious clinical cases
(Cookson et al., 1997). Endotoxins can be present on ‘sterile’ biomedical
devices since sterilisation processes do not remove micro-organisms but
simply deactivate them or partly destroy them. They are highly resistant to
sterilisation processes. Presently, the only procedure recommended by the
United States Pharmacopeia (USP) is dry heat at 250 °C during 30 minutes,
or 180 °C during 3 hours, which is completely impractical for polymeric,
and even metallic materials (Cookson et al., 1997; Nakata, 1993). Recent
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studies showed that plasma technique may have an interesting potential for
depyrogenisation, with a fast (10 s to a few minutes) removal rate of the
immune-stimulating competence of these molecules (Kylian et al., 2006;
Tessarolo et al., 2006).

13.5.3 Anti-microbial coatings

Despite device adequate sterilisation and aseptic procedures, device infection
can appear as a result of bacterial adhesion and subsequent biofilm formation
after implantation. This is a major clinical problem, especially with urethral
catheters, subcutaneous sensors and implants. Although this is not directly
the topic of this chapter, the importance of developing biomaterials that resist
bacterial adhesion should be emphasised. Several bioactive coatings are in
development that release antimicrobial agents, such as antibiotics, silver
ions, antibodies, and nitric oxide, for reducing the incidence of implant-
associated infection (Hetrick and Schoenfisch, 2006; Ramritu et al., 2008;
Darouiche, 2007).

13.6 Cleaning

Surface cleaning is also an important manufacturing step, not only useful
to decrease the bioburden (living organisms) before sterilisation but also
to eliminate contaminants originating from manufacturing processes, such
as cutting or polishing fluids and particles, mould release agents, polymer
processing aids, airborne contamination, etc. These can negatively impact
on device biocompatibility and further processing, such as coating adhesion
or bonding between two surfaces and corrosion resistance.

Conventional cleaning methods generally employ wet chemical techniques,
such as the use of an aqueous surfactant solution with/without acids or organic
solvents to dissolve and eliminate contaminant. Ultrasound can also be used
as adjunct. However, these methods have several limitations, for example
aqueous surfactants may leave residues, even after several rinses. Organic
solvents can also leave toxic residues and may degrade polymeric devices.
Low-temperature plasma processes have a high potential for these kinds of
applications and several processes have been patented. Plasma reactive species
(UV and VUV emissions, oxygen or hydrogen radicals, etc.) are known to
be able to etch surfaces without altering bulk properties and can remove
contaminants. As mentioned, protein removal is also an important issue in
a clinical setting, for reusable devices, since protein adsorbed on the device
surface may alter its biocompatibility and prevent efficient resterilisation.
The use of plasma discharge for these applications is also under investigation
(Kylian et al., 2008). Ozone is another possible process for surface cleaning
by oxidising surface dirt.
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13.7 Standards and other sources of further
information

Many regulations and standards provided by non-governmental international
organisations (e.g. the International Organization for Standardization,
ISO (ISO/TC 198, Sterilisation of Healthcare Products), or the European
Community for Normalisation, CEN (CEN/TC 204, Sterilisation of Medical
Devices)), pharmaceutical compendiums, private organisations (such as the
Association for the Advancement of Medical Instrumentation AAMI) and
governmental agencies (e.g. US Food and Drug Administration, FDA) have
been developed regarding sterilisation issues, such as safety, validation,
and evaluation of toxic residues (Reich et al., 2005). In the United States,
the FDA is responsible for approving sterilisation methods. In the UK, it
is the Department of Health Sciences. Concerning standards, an attempt to
harmonise some of the AAMI and CEN standards has resulted in many ISO
standards, which are too numerous to describe in this chapter. Briefly, the
main standards are ISO11134 for industrial moist heat sterilisation, ISO 11135
for EO, and ISO11137 for radiation sterilisation. The updated ISO 11137:
2006 gives specific requirements and guidance for radiation sterilisation
including the use of X-rays as the sterilisation agent. Standards regarding
biological and chemical indicators are ISO11138 and 11140, respectively.
An interesting although non-exhaustive description of standards is provided
in Sterilisation of Polymer Healthcare Products (Rogers, 2005, Chapter 2,
Table 2.2). The reader can also refer directly to ISO. More information on
sterilisation can also be found in two interesting books focused on sterilisation
(Block, 2000; Booth, 2001)

13.8 Summary

Sterilisation is an important and problematic step that should be considered
as early as possible in the design of any new medical device intended for use
in contact with sterile tissues, mucous membranes or breached skin, in order
to save money, time, and trouble. There is no singular sterilisation method
that is compatible with all healthcare products including drugs, polymers,
devices, and materials, because of the severity of a process to meet the
sterilisation criteria and definitions. An ideal sterilisation method (i) should
be efficient and highly reliable (this can be achieved when the sterilant is
highly penetrating and can be homogeneously distributed within the load;
(ii) should be able to deactivate prions and endotoxins; (iii) should be easy
to monitor, by checking that the required physical or chemical conditions
were achieved within each package; (iv) should be easy, cheap and safe to
operate; (v) should be safe for patients and not leave any toxic residues on
biomedical devices or in the environment; and (vi) should be compatible
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with all materials. As discussed, metallic alloys are generally compatible
with most sterilisation processes. However, devices are getting smaller
and more fragile, with complex geometries, and often include polymeric
compounds (such as coatings or adhesives) that require low-heat sterilisation
processes. The increasing use of drugs or biological products with synthetic
materials, for example in coated stents or tissue engineering applications,
is also challenging.

The growing importance of polymers, on the one hand, and the hazardous
nature of EO on the other hand, has led to the development of novel
sterilisation methods. However, these have their own limitations. Therefore,
no ideal sterilisation technique presently exists. The parameters and effects
of different sterilisation methods must thus be evaluated and reviewed before
selecting the best method for each application. As discussed earlier, a high
variation of resistance to sterilisation techniques is observed in biomaterials,
particularly for polymers. It is recommended, when possible, to choose
materials that are compatible with radiations. Manufacturers should take
advantage of the new medical grade materials compatible with radiation
sterilisation. In the case of reusable devices, their design should take into
account that they must be cleaned and dried before they can be resterilised
and that other sterilisation methods than radiation will be used. Materials
that are compatible with steam sterilisation should then be favoured when
possible. Devices should be designed to avoid regions sealed off from the
cleaning or sterilisation process or allow the device to be disassembled to
expose all parts. The efficiency and safety of sterilisation will have to be
demonstrated before device approval. Due to the increasing number and
complexity of regulations and standards, many industrial manufacturers are
going to outside contract sterilisation.
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Orthopaedic applications of metallic
biomaterials

T. MATSUSHITA, Chubu University, Japan

Abstract: The chapter discusses various metallic implants used in
orthopaedic surgery. It first describes artificial hip replacement arthroplasty
related with metallic biomaterial, stem design, fixation methods and joint
bearing surface. The chapter then discusses features of typical artificial joints
such as knee, shoulder and elbow. The chapter further describes metallic
implants for bone fractures related with their structures, functions and
breakages.

Key words: hip joint, knee joint, elbow joint, shoulder joint, cement
fixation, cementless fixation, joint bearing surface, mobile knee, bisurface
knee, triple tapered stem, bone cement. Co—Cr—Mo alloy, titanium alloy,
vanadium-free titanium alloy, ultra high molecular weight polyethylene,
hydroxyapatite, plasma spraying, wear debris, bone fracture, compression hip
screw, bioactivity.

14.1 Introduction

We human beings are able to walk and pick up something because our joints
move smoothly. If bone is broken in an accident, we cannot move at all.
If arthritis is growing worse, walking becomes virtually impossible. Bone
fractures can be healed by performing a surgical operation using metallic
plates and screws. Sometimes, tubular and stick-type metal pieces, such as
intramedullary nails and y-nails are used to treat a subtrochanteric fracture.
Artificial joint replacement is performed for severe cases of articular diseases.
As bones and joints are necessary to bear our body weight and make
movement possible, materials used for orthopaedic surgery must have a high
strength, toughness and wear resistance. Therefore, metallic biomaterials are
unavoidably employed as implant materials with a combination of ceramics
and polymer materials. Figure 14.1 shows examples of orthopaedic implants
used for repairing the diseases of various skeletal site structures.

Typical metallic materials for orthopaedic applications are stainless steel,
cobalt-chromium-molybdenum alloy and pure titanium and its alloys. These
materials were originally developed for industrial uses, then were later turned
over for medical usage. Since metallic implants are exposed to a strong
corrosive environment inside the body, metallic ions are released. The living
body contains almost all the metallic elements. If the amount exceeds the
adequate level, these elements become toxic. Therefore, metallic biomaterials
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14.1 Various implants made of metallic biomaterials for orthopaedic
surgery (with permissions from Japan Medical Materials Corp.,
Nakashima Medical Corp., and Mizuho lkakogyou Co. Ltd).

Table 14.1 Development of metallic biomaterials

Materials Subjects Examples of alloys

Stainless steel Corrosion resistance Fe-18Cr-8Ni-0.03C
= reducing C content Fe-18Cr-12Ni-2.5M0-0.03C
Skin allergy = Ni free Fe-23Cr-2Mo-1.4N

Co-Cr-Mo alloy Wear resistance, high Co-29Cr-6Mo
strength and Ni allergy

Ti-alloy Cyto-toxity = V free Ti-6AI-7Nb
High strength & low Ti-6Al-2Nb-1Ta-0.8Mo
elasticity = g alloy Ti-15Mo-5Zr-3Al

Ti-12Mo-6Zr-2Fe
High biocompatibility Ti-15Zr-4Nb-4Ta
Ti-29Nb-13Ta-4.6Zr

have been empirically improved to be suited to the living body, based on
clinical experience over a long period. Table 14.1 shows examples of new
alloys that have been developed from the perspective of solving conventional
shortcomings. Examples of applications of these metallic biomaterials to
orthopaedic surgery will be introduced in this chapter.
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14.2 Total hip replacement
14.2.1 Materials for total hip replacement

A hip joint consists of a sphere and a socket. It allows the joint to be mobile
in omnidirection under low friction and is extremely important to human
support activities. Approximately 50 years have passed since artificial hip
joints began to be used clinically. This technique became widespread after
an artificial total hip prosthesis was developed by Charnley during the 1960s
(Charnley, 1970). Hip arthroplasty alleviates pain and improves function in
the patient and he/she becomes able to walk and to enjoy quality of life.
Numerous people all over the world have benefited from hip replacement
arthroplasty. Artificial hip joints can ordinarily serve for twenty years or
more after surgery (Ilchmann et al., 1998, Meding et al., 2000). Recently,
advanced materials have been used in order to achieve a long life of over
thirty years. They require (i) avoidance of materials causing inflammations
or cancer, (ii) high strength and ductility, (iii) early fixation and long-term
stability and (iv) reduced wear debris on the sliding surfaces.

Figure 14.2 illustrates a typical example of an artificial hip joint. The
stem is fixed to the femur. A load totally about three times the body weight
consistently acts on it, so the stem needs to have high fatigue strength.
Historically, stainless steel consisting of steel, chromium and nickel was
first used due to the corrosion resistance provided by chromium. However,

N Pelvis\

Outer cup
Inner cup

Ball head

14.2 Structure of artificial total hip joint.
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it was not able to bear the high stress and had a risk of causing skin allergy,
a cobalt-chromium alloy was adopted due to its higher strength and superior
corrosion resistance. A cast material was initially used. Since it did not have
sufficient strength, elements such as tungsten (W) and nickel (Ni) were added
to enhance the plastic deformability of the alloy when hot forged. Recently,
thanks to the improvement of materials processing technology, the cobalt-
chromium-molybdenum (Co—Cr—Mo) alloys shown in Table 14.1 have been
used. Titanium (Ti) metal, which has high biocompatibility, is also useful
as a metallic biomaterial. Ti-6aluminum (Al)-4vanadium (V) alloy is a
particularly versatile material with high mechanical strength in conjunction
with corrosion resistance. As a result of the concern about vanadium’s
cytotoxicity, the titanium alloys shown in Table 14.1 are applied clinically
as a vanadium-free alloy. In future, Ti alloys composed of elements harmless
to the human body, such as tantalum (Ta), niobium (Nb) and zirconium (Zr),
are expected to be useful metallic biomaterials (Okazaki et al., 1998; Kuroda
et al., 1998).

There are two ways to integrate the stem and cup with bone. The first
method is to use bone cement made of PMMA (polymethyl methacrylate).
Numerous clinical reports have been released to indicate clinical outcomes
which showed the effects of the bone cement thickness, surface roughness
of the stem and a combination with implant materials on clinical results
(Morscher and Wirz, 2002). The other method is to apply bioactive treatment
on the implant surface, and directly bind the bone and the implant. These
two methods will be described later in more detail.

Wear debris from the sliding surfaces of the ball head and the acetabular
cup is a serious concern in artificial hip arthroplasty. In order to suppress the
generation of wear debris, some novel materials have been developed. High
density polyethylene was first used for an acetabular cup. Then UHMWPE
(ultra high molecular weight polyethylene) was applied to improve the
performance of the cup. For ten years, cross-linked UHMWPE cups have
been thought to be advantageous for decreasing wear debris in conjunction
with mirror finished ball heads made of Co—Cr—Mo alloy or alumina ceramic.
A combination of a hard ball on a hard cup, such as ceramic on ceramic or
metal on metal, is also effective in reducing wear debris. Alumina ceramic
(Hamadouche et al., 2002) and Co—Cr—-Mo alloy are available for this
articulation. As described, many kinds of materials are used to demonstrate
functions in total hip replacement. In this section, each function is discussed
in more detail.

14.2.2 Stem design using V-free Ti alloys

For total hip replacement arthroplasty, the material to use for the stem and
how to design the shape to fit the patient’s bone structure are important
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factors. There are numerous reports on the presence of metal ions released
from the implants in the body (Dobbs and Minski, 1980, Hallab et al., 2001).
Although Ti—6Al-4V alloy is a well-known metallic biomaterial due to its
superior properties, it contains vanadium, showing cytotoxicity (Steinemann,
1980). To avoid this concern, Ti—-6Al-7Nb (Semlitsh et al., 1985) and Ti—
12Mo—-6Zr-2Fe have been developed and clinically used as vanadium-free
titanium alloys. The author and co-workers have applied Ti—-15Mo—5Zr—-3Al
to an artificial hip joint (Matsuda et al., 1997, Maehara et al., 2002); this alloy
is registered in ISO as a metallic biomaterial. It possesses a tensile strength
of 980 MPa and a fatigue strength of 600 MPa under annealed condition.
When the heat treatment condition is selected, it presents a markedly high
strength, as much as 1500 MPa, with 14% elongation, as shown in Fig.
14.3. Tt also has novel biocompatibility as shown in Fig. 14.4 (Isama and
Tsuchiya, 2002), in conjunction with much better corrosion resistance than
Ti—6Al1-4V. Because of its high strength, it was possible to design a slender
stem neck of 9 mm diameter, and to expand the range of movement without
impingement with the cup.

In the case of cementless artificial hip joints, the stem is generally exposed
to high temperature to endow a bone-bonding ability on its surface. This
treatment reduces the strength of a stem made of S-type titanium alloy and
Ti—6Al1-4V alloy. The author and co-workers have proposed Ti—6Al-2Nb—
1Ta—0.8Mo as a biomaterial which contains no vanadium and has heat
resistance (Anon., 1994). This alloy presents high corrosion resistance and
superior biocompatibility. Its fatigue strength at room temperature after heat
treating up to 1000 °C remains the same as that before heating. This alloy
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14.3 Tensile strength and elongation of Ti-15Mo-5Zr-3Al alloy
compared with those of Ti-6Al-4V alloy.

© Woodhead Publishing Limited, 2010



334 Metals for biomedical devices

|l|ncrease of cell ALP activity £ Calcium content

140~

Dish: collagen coated Osteoblast: NHOst

% of control
(e
o
T

N

A

0 4
Collagen coated Ti-6AI-4V Ti-6Al-2Nb- Ti-15Mo-5Zr-3Al
glass (control) 1Ta-0.8Mo

14.4 Comparison of biocompatibility of vanadium-free titanium alloys
with that of Ti-6Al-4V.

was standardized in 2002 as JIS T 7401-3. To fabricate a porous layer on
the surface of the stem and shell in order to attain bone-ingrowth, titanium
powders were plasma-sprayed and given diffusion heat treatment. If these
heat treatments are applied to Ti-6Al-4V alloy, however, the strength of
the alloy is markedly reduced, so the stem loses its long life. This suggests
that by using Ti-6Al-2Nb—1Ta-0.8Mo it would become possible to design
a higher-functional stem for cementless hip replacement.

The optimal design of stem shape depends on the patient’s bone structure,
as well as clinical experience. This is the reason why a few hundred types of
stem shape have been developed throughout the world, and are supplied by
manufacturers. Figure 14.5 shows a cementless artificial hip joint designed
using Ti—-6Al-2Nb—1Ta—0.8Mo. The proximal portion of this stem is designed
to be relatively thinner. This intends to preserve, as much as possible, the
cancellous bone in the proximal portion of the femur. As a result of the
cancellous bone binding with the stem’s porous surface, the force acting on
the femur head disperses into the femoral cortex to prevent stress shielding.
The middle portion of the stem is designed with a trapezoidal cross-section
to prevent rotation of the stem.

Another type of artificial hip joint designed using Ti-6Al-2Nb—1Ta—0.8Mo
is shown in Fig 14.5. This has a double tapered shape, which is intended to
support the load at the medial proximal and to secure fixation for extended
periods. This stem shape matches Asian people’s femoral medullary
cavity.
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Ti-6Al-2Nb-1Ta-0.8 Mo

14.5 Designs of cementless type artificial hip joint using Ti-6Al-2Nb-
1Ta-0.8Mo alloy. Right: Originally designed with trapezoid area by
Prof. Yamamuro, Left: Designed with straight back by Prof. Ninomiya.

14.2.3 Cement fixation

In the cement fixation, bone cement penetrates the uneven surface formed
by rasping to bind strongly with the bone. However, bone cement does not
bind with the metallic implant (Barker et al., 2000). Generally speaking, it
is believed that a roughened surface is more effective in binding strongly at
the stem-to-cement interface. In this condition, the strain in the stem and the
cement is the same at the interface, and the cement has a risk of fracture when
the stress within the cement exceeds the strength of the cement. However,
some researchers have reported that a polished surface produced better clinical
performance since a subsidence of the stem generates compressive stress
within the cement mantle (Collis and Mohler, 2002; Justin et al., 2006).
The thickness of the bone cement layer and its combination with the stem
materials were examined to extend the life of fixation. It was found that, if
there is insufficient thickness, the bone cement is liable to break and that
a thickness of around 2 mm is clinically preferable (Skinner et al., 2003).
In stem material terms, on the other hand, Co—Cr—Mo alloy is reported to
be preferable to Ti-6Al-4V (Issack et al., 2003). Otherwise, a Charnley-
type stem made of Ti—15Mo—-5Zr-3Al, introduced in the previous section,
was used clinically by many surgeons. Its surface roughness was about
Ra 0.3 um, achieved by shot blasting, and the bone cement was made 0.5
mm thick — the prosthesis showed the favorable performance for more than
ten years. This is attributed to the fact that the condition of the surface of
the stem and its material are related to the friction with the bone cement.
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(b) (c)

14.6 Three types of load transmission patterns. (a) Normal femur;
load transmission through cortex, (b) conventional tapered stem;
load transmission through the center axis and distal of stem, (c)

triple tapered stem; load transmission through proximal of stem.

A conventional cemented stem gives stress shielding to the proximal
femor. A mirror finished stem is advantageous for effective load transmission
from the stem to the bone by allowing subsidence of the stem when a load
is applied to the stem. If the cross-section of the stem is given a triple taper,
subsidence of the stem creates compressive stress within the cement mantle
and transmission of the load occurs at the proximal of the femur (Wroblewski
et al., 2001). This prevents the proximal femoral stress shielding, as is the
case with the cementless type of stem. Figure 14.6 shows the difference of
load transmission between a double and triple tapered stem with a polished
surface.

14.2.4 Surface treatment for cementless fixation

Various designs have been attempted for a cementless artificial hip joint to bind
with the bone using sintered beads, fiber mesh and spraying hydroxyapatite.
They have shown favorable clinical results. In the case of a stem, a porous
layer formed along the whole circumference of the proximal stem generates
a strong binding force with the bone and prevents stress shielding. It also
prevents the invasion of wear debris to the interface, so it leads to favorable
clinical performance. The second method is to coat the roughened metal
surface with hydroxyapatite. This also presents favorable clinical results
(Coathap et al., 2001). If hydroxyapatite is plasma-sprayed, the temperature
during treatment reportedly becomes too high, which causes deterioration of
the bioactivity of hydroxyapatite (Gross et al., 1998). As a way to reduce
this deterioration, a flame spray coating process has been developed and
applied to a stem and cup made of Ti-6Al-4V (Fujisawa et al., 1995). The
implants using this process are shown in Fig. 14.7.

The author and co-workers have used heat-resistant vanadium-free titanium
alloy Ti—6Al-2Nb-1Ta—-0.8Mo (referred to previously) to overcome the
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14.7 Stem and cup coated with hydroxyapatite using PROARC HA
process, which is an inert-gas shield, arc-spray method originally
developed by Japan Medical Materials Co. Ltd. Pure titanium is
arc-sprayed to roughen the surfaces of stem and cup and then
hydroxyapatite is flame-sprayed (with permission from Japan
Medical Materials Corp.).

problem of decreasing strength on heating. A plasma-sprayed porous layer
had about 50% porosity, the pore size ranged from 200 to 400 wm and its
tensile strength was 17 MPa. The tensile strength increased to 70 MPa
after heat-treating at a temperature close to 1000 °C under vacuum. This
was followed by coating only the bottom areas of the titanium porous layer
with AWGC (apatite and wollastanite containing glass ceramic) to allow the
bone to grow into the pores (Yamamuro ef al., 1991). An animal experiment
verified that a high bonding strength with the bone could be obtained, and an
artificial hip prosthesis employing this type of surface treatment is already
commercialized in Japan.

Titanium metal does not have any bone-bonding properties without
surface treatment. In 1995, however, Kokubo et al. (1996) invented a simple
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treating process to provide bioactivity to titanium metal. In this process, a
sodium titanate layer is formed by soaking titanium metal in NaOH solution
at 60 °C for 24 h and heating at 600 °C for 1 h. The sodium titanate layer
induces apatite formation on its surface when it is soaked in a solution with
ions that have the same concentration as that of the body fluid’s inorganic
ions (simulated body fluid, or SBF) and the titanium metal binds with the
living bone through the apatite layer. This novel method has been applied to
a porous layer of titanium, plasma-sprayed on the stem and cup. As shown
in Fig. 14.8, a fine nano-structured network consisting of sodium titanate
can be formed on the surface of the porous layer after the treatment. It
is so bioactive that apatite grains precipitate and cover the entire surface
of the treated titanium metal within a few days in the SBF. Experiments
also showed that when a porous body given such treatment is implanted
in a dog’s femur, rapid bone ingrowth is observed and that it has a higher
bonding strength than when an AWGC bottom coating is used (Nishiguchi
et al.,2001). Based on these research findings, a clinical test on the artificial
hip joint was conducted (Kawanabe et al., 2009). The outcome of the
clinical tests was that, four years after surgery, the system shows favorable
performance. In particular, bone ingrowth to the porous section was observed
at an early stage, and little or no thigh pain was induced. This NaOH- and
heat-treated artificial hip joint has been used clinically in Japan since
2007.

(d) Apatite covering the (c) Apatite formation
whole surface of that occurred in SBF
porous titanium in SBF

14.8 Bioactivity of alkali- and heat-treated titanium porous layer
plasma-sprayed on the stem.
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14.2.5 Joint bearing surface

Since the debut of Charnley’s low-friction arthroplasty, polyethylene has
been used for the acetabular cup. Wear debris generated by the friction
between a polyethylene cup and a ball head induces aseptic loosening, so
some way had to be developed to reduce the volume of wear debris. One of
them is to polish the ball head to a smooth surface. As shown in Fig. 14.9,
it is effective in decreasing an average surface roughness Ra to less than
0.02 um (Weightman and Light, 1986). Thanks to advancements in the
technology of polishing, it is now possible to finish the ball head surface
roughness to Ra 0.01 um. With those made of metal, however, it is difficult
to maintain the ultra-mirror surface for long periods because of the invasion
of a third body to the sliding surfaces. Alumina has higher hardness, so it can
better maintain a mirror surface to reduce wear debris (Saikko et al., 1993;
Dowson, 1995). The disadvantage of alumina is that it sometimes causes
breakage due to its brittleness. As zirconia ceramic is tougher than alumina,
it would be expected to be suitable for the ball head. However, it causes
a greater amount of wear debris than one made of alumina or Co—Cr-Mo
alloy. This is attributed to the frictionally induced heat which is accumulated
inside because of the low heat conductivity of zirconia (Lu and McKellop,
1997), and the low temperature phase transformation that may occur at
temperatures close to 100 °C under wet conditions. An effective method to
suppress zirconia’s transformation is to add trace amounts of aluminum and
to control the fine crystal grains. The manufacturing process must therefore
be rigorously and thoroughly controlled.

As a way to enhance wear resistance capability, the structure of UHMWPE
can be changed to be highly-crystallized by using high-pressure treatment
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14.9 Effect of surface roughness of ball head on wear weight of
polyethylene cup at 10° cycles. Reproduced from the table of
Weightman and Light (1986).
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(Hylamer). In one case of this material, an in vitro wear test showed a
small volume of wear debris, so it was expected to be a promising means of
suppressing the generation of wear debris. When used clinically, however,
Hylamer produced a greater volume of wear debris than ordinary UHMWPE
(Livingston et al., 1997, Iwase et al., 2003). An acetabular cup made from
cross-linked UHMWPE has currently become predominant. Irradiating with
about 25 kGy of y-rays is a standard procedure in sterilizing medical products.
During this process, however, free radicals are generated inside the polymer
material, and a part of it becomes cross-linked. During the 1970s, Oonishi
et al. clinically adopted a HDPE (high density polyethylene) cup irradiated
with 1000 kGy of y-rays, and showed that it produced an extremely small
volume of wear debris (Oonishi et al., 2001). However, because the irradiation
dose is large, the polymer material becomes hard, with poor elasticity. When
10-50 kGy of y-rays is irradiated, this amount of cross-linkage enhances the
wear resistance while maintaining elasticity.

Nowadays, UHMWPE cups are heated to just below the melting point after
irradiation and are kept in a nitrogen atmosphere for longevity (Muruatoglu
et al., 2001).

A metal-on-metal articulation is also effective to reduce wear debris. This
method was first attempted by McKee-Farrar. With subsequent improvements
of metallic composition and super polishing technology, the method is now
widely used in clinical application. Figure 14.10 shows a typical artificial hip
joint of this type. A follow-up study has been made, to confirm the effects
on health of metallic ions released from wear debris. Alumina ceramic on
alumina articulation is also an attractive method to reduce wear debris.
Just as in the case of metal-on-metal, the generation of wear debris is low.
Unfortunately, there are some complications due to breakage, since alumina
ceramic is a fragile material. In order to overcome this disadvantage, adoption
of a structure combining an alumina ceramic cup with a metallic shell is
effective. A tougher and harder ceramic such as zirconia-toughened alumina
is also applicable.

Recently, a new method to extend the longevity of a cross-linked UHMWPE
cup has been developed. This method is one of surface modifications
using photo-induced graft polymerization, which is induced by ultraviolet
irradiation onto the surface of polymer cup soaked in an aqueous MPC(2-
methacryloyloxyethyl phosphorylcholine) solution (Moro et al., 2004).
After such treatment of the cross-linked UHMWPE, brush-like structures
of hydrophilic macromolecules are formed on the surface, as shown in Fig.
14.11, giving rise to hydration lubrication. Although its thickness varies
depending on the treatment conditions, it is roughly 100 nm, and the surface
layer is characterized by an extremely small water-contact angle (Kyomoto,
2009). Figure 14.12 shows the gravimetric wear in a hip joint simulator of
cross-linked UHMWPE cups with and without MPC grafting. The weight
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14.10 Example of artificial hip joint with metal-on-metal articulation
(with permission from Kobayashi Medical Corp.).
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14.11 Schematic illustration of the MPC-grafted layer with increasing
MPC concentration (Kyomoto, 2009).

loss of the MPC-grafted cup is significantly less than that of the untreated
cup (Moro et al., 2004).

14.3 Total knee replacement

14.3.1 Materials for total knee replacement

Figure 14.13 shows the structure of an artificial total knee joint forming the
condyloid joint. This consists of a femoral component, a tibial component and
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14.12 Wear of MPC-grafted cross-linked UHMWPE cup in hip joint
simulator compared with untreated cross-linked UHMWPE cup (Moro
et al., 2004).

Femoral component
+«— (Co-Cr-Mo alloy, Al,O3 ceramic)

Bioactive layer (porous
or apatite coating) or
roughened surface for
cement fixation

Patella

«— Tibial insert
(UHMWPE)

T Tibial component
(Ti-alloy, Co-Cr-Mo alloy)

14.13 Structure of an artificial total knee joint.

a patella. The majority of the femoral components are made of Co—Cr-Mo
alloys, but sometimes, alumina ceramic or titanium alloys are used for patients
with allergies to these metals. In most cases, a tibial-side tray is made of
titanium alloy and the insert is made of UHMWPE. The insert has grooves
corresponding to the configurations of lateral and medial condyles. The patella,
which is made of UHMWPE, slides on the surface of the femoral component.
The same two alternatives to anchor implants to the bone are used as in the
case of the artificial hip joint, with and without bone cement.
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14.3.2 Joint bearing surface

As the knee joint is a condyloid joint, rotation of lateral and medial condyles
occurs in conjunction with sliding over the insert surface made of UHMWPE.
This brings about the generation of wear debris. Considerable contact pressure
is induced by the contact between the two condyles and the UHMWPE, and
it is at a maximum slightly inside the UHMWPE surface, so delamination
occurs. If the UHMWPE insert is hard, a higher concentration of stress is
induced in the area of contact between the insert and the femoral condyle,
and makes it more likely for delamination to occur. In view of this, increasing
the contact area between the UHMWPE and the femoral condyle may be
advantageous for reducing the stress generated in the UHMWPE insert.
A vitamin E-addition to the UHMWPE enables it to retain strength while
remaining soft and flexible; hence it shows decreased wear debris (Tomita
et al., 1999).

When a femoral component made of Co—Cr-Mo alloy slides over a
UHMWPE surface, the roughness of the component surface determines the
amount of wear on the UHMWPE. If a titanium alloy is used as a femoral
component, the surface may be markedly scratched or damaged by a third
body, such as fragments of bone cement, which accelerates the generation
of wear debris. Although Co—Cr—Mo alloy is hard and its surface is finished
with a super mirror, roughening of condyles occurs clinically and wear of the
UHMWPE is increased. When a femoral component made of alumina ceramic
is used, scratches are minimized and wear debris of UHMWPE is reduced,
although a fracture of the alumina ceramic component may occur.

The above suggests that a harder surface suppresses the scratches and
provides low friction with UHMWPE. An oxidized zirconium femoral
component was developed. It is made of wrought zirconium alloy, Zr-2.5%Nb,
and its sliding surface is oxidized by thermal diffusion (Spector ez al., 2001).
The surface is layered by zirconia ceramic at about 4 um thickness. This
material has advantages of resistance to scratches and low friction, while the
toughness of femoral component is maintained due to the use of the wrought
metallic alloy.

14.3.3 Design of knee joint with a large flexion angle

The knee joint has a sliding surface on the femorotibial joint consisting of
the femoral condyle and the tibial condyle, and on the patellofemoral joint
comprising the patella and the intercondylar fossa. The former joint lacks the
ball-and-socket stability, and creates articular movements with the support of
ligaments and muscles. This movement is accompanied by rolling and sliding
of the convex-shaped femoral condyle over the concave surface of the tibial
condyle. In addition, the tibia rotates outwardly against the femur during
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flexion. This fact was recently taken into consideration when designing an
artificial knee joint with a large flexion angle. Figure 14.14 shows a novel
total knee joint with the ball-and-socket joint in the mid-posterior portion
of the femoral and tibial component. The surface ‘A’ is the same as that
of the conventional femoral component. When the flexion angle reaches a
larger angle than 70 degrees, the hemispheric surface ‘B’ starts to work as
a ball-and-socket joint to enlarge the flexion angle. This system provides a
large flexion angle of around 140 degrees (Akagi et al., 2002).

The ‘mobile knee’ realizes the natural movement of the knee described
above. In this method, the UHMWPE insert can rotate around the pivot
installed on the tray. As a result, the patient can bend the knee easily, even
up to large flexion angles (Callaghan et al., 2000, Price et al., 2003). In
employing such a structure, it became possible to enlarge the area of contact
between the femoral component and the UHMWPE insert, up to several
times greater than conventional artificial knee articulation. The structure,
moreover, helped to reduce the contact pressure induced in the UHMWPE
insert and allowed stable articular movement. A concern with this method
is that the dual sliding surfaces may produce an abundance of wear debris.
It is necessary, therefore, to provide a super-mirror finish on the surfaces of
the tray and femoral component.

A third method is to design the shape of the femoral condyle to allow a
movement similar to the natural human knee joint. Figure 14.15 shows the
shape of the femoral component and its movement opposite the UHMWPE
insert. The lateral condyle of the femoral component is shaped to a flat surface,
while the medial condyle is given a convex surface, then a difference in

14.14 Artificial knee joint with bisurface femoral component
enlarging flexion angle. Femoral component cited here is made of a
ceramic (with permission from Japan Medical Materials Corp.).
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14.15 New design of femoral component providing the anatomical
motion of a natural knee. (a) Conventional type of femoral
component, (b) new type of femoral component; height difference of
lateral and medial condyles, (c) asymmetrical shape of condyle, (d)
external rotation of femoral component centering on medial condyle
(with permission from Nakashima Medical Corp.).

height of about 2 mm is designed between the medial and lateral condyles.
This design facilitates the generation of rotations centering on the medial
condyle, making it possible to obtain a large flexion angle (Anon., 2009).

14.4 Miscellaneous joint replacement

In addition to hip and knee joints, the human skeletal structure has numerous
kinds of articulation in the shoulder, elbow, wrist and hand. These joints are
suited to their functions, as shown in Fig. 14.16. Hip and shoulder joints
are of the ball-and-socket type, enabling movements such as bending and
rotating in all directions. The elbow joint, on the other hand, is a hinge type,
whose primary movement is to bend in one direction. This movement may
also be assisted by a slight rotation to increase the flexion angle. The wrist
joint is a so-called ‘oval joint’ type, making two-way movements possible.
The thumb has a saddle joint, allowing it to move in two directions.
Figure 14.17 shows various kinds of artificial joints. The artificial shoulder
joint (a) consists of a hemispheric head anchored to the tip of a stem and
a socket. The stem is made of titanium alloy and its surface is coated with
hydroxyapatite. The hemispheric head is made of either alumina ceramic or
Co—Cr—Mo alloy and the socket is made of UHMWPE. The artificial elbow
joint (b) has a hinge-type sliding surface. On the humeral side, the stem,
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14.16 lllustration of various types of diarthrodial joints.

(c) Finger joint

(d) Ankle joint
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14.17 Examples of various artificial joints, (a) shoulder joint,
(b) elbow joint (with permission from Japan Medical Materials
Corp.), (c) finger joint, (d) ankle joint (with permission from
Nakashima Medical Corp.).

made of a Co—Cr—Mo alloy, is integrated with a drum-shaped cylinder. On
the ulnar side, a receiver made of UHMWPE is attached to the tip of the
Co—Cr—Mo alloy stem. Using this joint system, a flexion angle ranging from
0 to 100° enables it to move accompanied with a small relative rotation of
both. The artificial finger joint (c) has a structure resembling the artificial
elbow joint. The sliding surfaces are a Co—Cr—Mo alloy and UHMWPE. Figure
14.17 (d) shows an example of a total ankle system. The system consists of
a talar component attached to the talus side, a socket holder attached to the
tibial side, and a tibial socket made of UHMWPE. In this system, the metal
portion is also made of a Co—Cr—Mo alloy. The tibial socket is joined with
the grooves of the socket holder; it can allow back and forth movement and
medial-lateral rotation at an angle of 10 degrees without dislocation.
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14.5 Implants for bone fractures
14.5.1 Materials

Human bone tissue is a composite material of apatite and collagen fibers,
and has anisotropic properties. The strength and elasticity of cortical bone
are at a maximum in the direction of the long bone axis, and at a minimum
in the traverse direction to the bone axis. Because of these structural
characteristics, bone tissue has strong resistance to compression, but not to
tension or torsion. If an excessive force is applied to the arm or leg, the bone
breaks; in osteoporosis the bone fractures easily. In general, implants made
of stainless steel and titanium alloy are used to repair such fractures. When
the bone fracture is repaired by plates, nails and screws, the rigidity of the
implant material should ideally be high to incorporate bone fragments. If
the cross-sectional shape is the same, stainless steel has higher rigidity than
titanium alloy. This difference is taken into consideration to design implants.
In view of corrosion resistance and biocompatibility, however, titanium alloy
is superior to stainless steel. Since titanium materials characteristically have
high affinity with the bone, a mirror finished surface is advantageous to
prevent binding of bone to the implant, compared with a rough surface.

14.5.2 Compression hip nail and hip screw

When an intertrochanteric fracture occurs, a compression hip nail or compression
hip screw, as shown in Fig. 14.18, is used. In the case of compression hip
nail shown in Fig. 14.18, its basic structure is similar to that of the y nail
except that a lag screw slides inside the lag screw supporter attached to an
intramedullary nail. This structure enables the use of a shorter lag screw.

Compression hip CHY-nail
screw

14.18 Compression hip screw and hip nail for intertrochanteric
fracture.
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Even if a lag screw slides during postoperative walking training, the end of
the screw remains stored inside the lag screw supporter. The sliding screw
therefore causes no subcutaneous irritations (Matsui et al., 2001).

In the case of a compression hip screw, the plate is fixed to the femur with
a screw; and the lag screw to the femoral head through a barrel integrated
to the plate. Since the fixed angle of the barrel (lag screw)-plate is given in
manufacturing (such as 125 degrees), the surgeon sometimes fails to join the
intertrochanteric fracture, and a ‘cut-off’” of an internal lag screw from the
femoral head sometimes occurs. A novel type of compression hip screw (CHS)
has been developed to solve these problems. The angle can be continuously
changed within the range of 125 to 145 degrees. Figure 14.19 shows the
structure and appearance of the CHS. The angle is adjusted by applying a
cam-slide mechanism. After the lag screw is pierced into an appropriate
location of the femoral head, the plate is closely fixed with screws onto the
femur and the crossing angle is permanently settled by using a fixing screw
(Nakayama et al., 2000).

14.5.3 Plate and screw

When a bone fracture occurs in diaphysis, epiphysis and metaphysis of
the bone, it is repaired using a plate and screw. A plate needs to match
the configuration of bone. In the case of a simple fracture of a long bone,
a flat plate is set on the fractured site and fixed with a screw. In the case
of a comminuted fracture, however, it is necessary to carefully gather the
dispersed bone fragments and fix them. Therefore, a multiple number of
mini-plates may be used for the repair (Ikeda et al., 2003). To reconstruct
the fractured bone to its original shape, it may also be necessary to fix it

N Screw for

\}/ adjusting
/ angle o
I //'\s/@

\\ﬁ a
&

T

\ Fixing screw

14.19 A hip screw with cam-sliding mechanism to adjust angle «.
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using an anatomically-shaped plate. Figure 14.20 shows examples of various
plates used for bone fractures.

14.6 Failure of orthopaedic implants

Orthopaedic implants sometimes fail due to the large force acting on the
bone and the implant (Barrack, 2000). When an implant is fractured, the
patient is operated on again to repair it and must tolerate excruciating pain
once again. The Japanese Orthopaedic Association has investigated the
failure of implants caused in 1998 in orthopaedic surgery (Anon., 2000).
The surveyed results showed that breakage occurred in 1.39% of the all
surveyed cases, with 46% pertaining to artificial joints, 40% to fracture
repairing implants, 13% to spinal fusions and 1% to others. Failure of
the implant is usually attributed to inappropriate selection of materials
and inadequate considerations in designing. From the cases of failure that
occurred between 1992 and 2001, as surveyed by the FDA (US Food and
Drug Administration), those for artificial hip joints were extracted and the
sites of failure investigated. It was found that breakage occurred in 52% of
the cases in the stem, 20% in the inner cup, 14% in the ceramic ball head,
6% in the outer cup, and 8% in other components. Wear and tear was the
main cause of failure of the inner cup, while the majority of other failure/
breakage cases showed a fatigue breakdown. Figure 14.21 shows a typical
SEM observation of a fatigue failure that occurred in the intramedullary
tube. This photograph reveals that the origin of a crack near the outer surface

Proximal humeral
fracture

Anatomically designed plates Fracture of

calcaneous

14.20 Examples of plate and screw for fractures (with permission
from Nakashima Medical Corp. and Mizuho lkakogyo Co. Ltd).
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Origin of crack near the Crack propagation through
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14.21 SEM observation of fracture occurring in the intramedullary
tube.

Table 14.2 Causes of fracture occurring in implants

Category Major causes

Design Insufficient strength (material selection)
Inadequate microstructure,
Poor shape design, Lack of assessment
Prediction of lower working force
Manufacture Surface defects (scar, crack, dent, etc.)
Degradation caused by heat treatment
Sharp edge and notch in machining
Poor cleaning
Clinical operation Poor filling and fracture of bone cement
and patient Unsuitable selection of implant
Large load on repaired bone before healing
Violent action of patient after operation

propagated into the inside of the wall due to repeated stress, as indicated
by the striations. In general, fatigue is localized structural damage when an
implant is subjected to cyclic loading. Therefore, fatigue life is influenced by
various factors such as surface finish including notches, the microstructure
of metal subjected to heat treatment in manufacturing, residual stress, and
over-loading after implantation. Taking these facts into consideration, the
genesis of fatigue breakdown can be classified into different groups such
as (i) problems related to the design, (ii) problems related to manufacturing
and (iii) clinical problems, as shown in Table 14.2.

In order to prevent an occurrence of implant failure, prior evaluation is
important based on various standards such as ISO, ASTM and JIS. A variety
of evaluation methods has been established, including fatigue tests of the
femoral components, bending tests of plates and nails, and a twisting test
for screws. Recently, it has become possible to use numerical simulations
to predict the amount of stress that occurs on the implant. This method
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has advantages such as time and cost saving and prediction of the stress
distribution generated inside of implant when boundary conditions are
appropriately selected.

14.7 Summary

As described in this chapter, numerous implants made of metallic biomaterials
have been developed by the co-operation of surgeons and medical engineers
for repairing diseases in the patient. Generally, metallic implants release
ions and generate wear debris, and sometimes fail accidentally because the
implant is exposed to a high bearing load, severe sliding motion or highly
corrosive environment. To settle these problems and obtain improved
longevity of implants, biocompatible metals, ceramics and polymers
have been developed and devised to meet the needs of each orthopaedic
disease in the last three decades. However, these are not sufficient for the
future because of the increasing number of patients due to the increase
of people over seventy across the world. Topics for further improvement
are considered to be as follows: (i) advanced metallic materials with high
strength, consisting of non-cytotoxic elements such as Ti, Zr, Ta and Nb. (ii)
Designs of implants with appropriate shape and structure to fit the diseased
site and with mechanical properties similar to living bone. A porous body
is one of the possible available materials, and a prototyping process such
as laser melting is attractive to produce the arbitrary shape and structure.
(iii) Implants with dual properties such as a bioactive metal coated alumina
ceramic for a sliding part. (iv) Improved longevity of implants to more than
thirty years. (v) Low manufacturing costs. These objectives will be attained
when surgeon and medical engineer work co-operatively.
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New-generation metallic biomaterials

T. NARUSHIMA, Tohoku University, Japan

Abstract: In this chapter, the current status of metallic biomaterials and

the research and development of new-generation metallic biomaterials are
discussed. First, the traditional metallic biomaterials are reviewed. The

alloy design and properties of the new metallic biomaterials and the new
processing technologies used in fabricating porous metallic biomaterials and
in grain refining are then discussed. This chapter focuses on the following
metallic biomaterials: stainless steels, cobalt (Co)-chromium (Cr) alloys,
titanium (T1) and its alloys, magnesium (Mg) alloys, and bulk metallic
glasses. Finally, the future trends in new-generation metallic biomaterials are
presented.

Key words: stainless steel, Co—Cr alloy, titanium, Mg alloy, processing
technology.

15.1 Introduction

The proportion of aged people in the population is rapidly growing in advanced
countries, as well as in developing countries. It is predicted that the numbers
of patients suffering due to injuries sustained during falls and deterioration of
body functions will increase in this super-aged society. In order to improve
the quality of life of these patients, dental and medical technologies have
to improve further to enable reconstruction of the human body. Highly
functional and safe biomaterials can contribute to the development of dental
and medical technologies and tissue engineering. Owing to the mechanical
strength and ductility of metallic biomaterials, they can replace damaged
hard tissue (Niinomi, 2002). It is known that more than 70% of medical
implants are made of metallic biomaterials such as stainless steels, Co—Cr
alloys, and Ti and its alloys.

Figure 15.1 shows the weight of biomaterials used in orthopaedics in
Japan in recent years (Narushima, 2005). Co—Cr alloys and Ti alloys have
been mainly used in orthopaedics; biomaterials of high mechanical strength
and excellent ductility are required in this field. Metallic biomaterials have
been widely used as implants in medical and dental fields, and cannot be
equalled by ceramic or polymer biomaterials from the point of view of
mechanical properties. Almost all metals are thermodynamically unstable
under biological conditions. The corrosion of metallic biomaterials cannot
be avoided; oxide films are formed as corrosion products under biological
conditions (Blackwood, 2003). Oxide films, such as Cr oxide and Ti oxide,
are uniform and dense, and act as protective passive films with excellent
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15.1 Biomaterial usage (by weight) in orthopaedics in Japan.

adhesion to metallic biomaterials. However, there is the possibility of
scratching and deterioration of sliding or load-bearing parts in implants,
such as artificial hip and knee joints (Hanawa, 2004). This means that the
bulk metallic biomaterials should be durable and safe.

With improvements in medical and dental technologies and tissue
engineering, properties such as low elastic modulus, shape memory effect/
superelasticity, wear resistance, superplasticity, and hot/cold workability
are desirable in biomaterials. These properties should be achieved in
practical devices of various shapes under a range of biological and economic
conditions.

In this chapter, the current status of metallic biomaterials and the research
and development of new-generation metallic biomaterials are discussed.

15.2 Brief overview of traditional metallic
biomaterials

Table 15.1 shows the chemical compositions of the stainless steels, Co—Cr
alloys, and Ti and its alloys registered in the ASTM (American Society
for Testing and Materials) standards for surgical implant applications. The
contents of alloying elements are hereafter expressed as percentage masses.
These metallic biomaterials are used as substitutes in hard-tissue replacements
such as artificial hip and knee joints, fracture healing aids, spinal fixation
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Table 15.1 Chemical composition of metallic biomaterials registered in the ASTM standards (mass%)

Stainless steels Co-Cr alloys Ti and its alloys

Fe-18Cr-14Ni-2.5Mo (C<0.03) Co-28Cr-6Mo CP Ti, a type
F138-08, wrought (bar and wire) F75-07, castings F67-06 Grade 1
F139-08, wrought (sheet and strip) Grade 2
F1350-08, wrought (wire) Grade 3
F2257-03, wrought (tube) Grade 4

Fe-18Cr-12.5Ni-2.5Mo
F745-07, cast and solution-annealed

Fe-22Cr-13Ni-56Mn-2.5Mo
(C<0.03, 0.2<N<0.4)
F1314-07, wrought (bar and wire)

Fe-21Cr-10Ni-3Mn-2.5Mo
(0.25<N<0.5)
F1586-08, wrought (bar)

Fe-23Mn-21Cr-1Mo
(0.85<N<1.10)
F2229-07, wrought (bar and wire)

Fe-11Mn-17Cr-3Mo
(0.45<N<0.55)
F2581-07, wrought (bar and wire)

Co-28Cr-6Mo
F1537-07, wrought
H799-06, wrought (forgings)

Co-20Cr-15W-10Ni
F90-07, wrought
F1091-08, wrought (wire)

Co-35Ni-20Cr-10Mo
F562-07, wrought
F688-05, wrought (plate, sheet, and foil)
F961-03, wrought (forgings)

40Co0-20Cr-16Fe-15Ni-7Mo
F1058-08, wrought (wire and strip)

Ti-6Al-4V, o + S type
F1108-04, castings
F1472-02, wrought

Ti-6Al-4V ELI", o + S type
F136-02, wrought

Ti-6Al-7Nb, o + B type
F1295-05, wrought

Ti-3AI-2.5V, o + B type
F2146-07, wrought (seamless tube)

Ti-13Nb-13Zr, near 8 type
F1713-08, wrought

Ti-12Mo-6Zr-2Fe, 8 type
F1813-06, wrought

Ti-15Mo, S type
F2066-07, wrought

NiTi, intermetallics
F2063-05, wrought

*ELI: extra low interstitial
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devices, dental implants, vascular stents, catheter guide wires, orthodontic
dental archwires, and cochlea implants, because of their excellent mechanical
and functional properties (Park and Kim, 2003). Figure 15.2 summarizes
the minimum requirements in the ASTM standards for tensile strength and
total elongation for metallic biomaterials. Stainless steels exhibit excellent
hot/cold workability and are relatively low-cost biomaterials. Co—Cr alloys
generally exhibit high mechanical strength and excellent wear resistance, but
their hot/cold workability is low if nickel (Ni) is not added. Although the
mechanical strength and ductility and wear resistance of Ti and its alloys
are inferior to stainless steels and Co—Cr alloys, their corrosion resistance
and biocompatibility are exceptional.

15.2.1 Stainless steels

Austenitic stainless steels are registered in the ASTM standards for surgical
implant applications, as listed in Table 15.1. The main alloying elements
are Cr, Ni, molybdenum (Mo), manganese (Mn), and nitrogen (N). Cr
accelerates passivation and improves corrosion resistance in oxidizing acid
solutions and pitting corrosion resistance in chloride solutions, but it is a
ferrite-stabilizing element. Ni stabilizes the austenitic phase and improves
corrosion resistance in nonoxidizing acid solutions by stabilizing the passive
film. However, Ni has been pointed out to be highly associated with metal
allergy and toxicity when Ni ions elute from the implants into the human
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15.2 Tensile strength and elongation of stainless steels (SS), Co—Cr
alloys (CC), and CP Ti and Ti alloys registered in the ASTM standards.
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body. Mo contributes to the stability of the passive film and improves the
corrosion resistance in chloride solutions. Mn stabilizes the austenitic phase,
increases the N solubility and lowers the magnetic susceptibility; however,
it lowers the corrosion resistance. Increasing the N content is preferred from
the point of view of stabilization of the austenitic phase, strengthening, and
corrosion resistance; however, Cr,N may precipitate during heat treatment
when the N content is higher than the solubility value at the heat treatment
temperature. Cr,N precipitation results in a decrease in ductility and corrosion
resistance. Therefore, the maximum N content in biomedical stainless steels
is limited to 1mass%. The addition of Cr and Mn is known to increase N
solubility in stainless steels.

The wrought stainless steels are low carbon (C) iron (Fe)-Ni—-Cr—-Mo
alloy (type 316L), high N Fe—Cr—Ni—-Mn—Mo alloy and high N and Ni-free
Fe—Cr—Mn—-Mo alloys. Type 316 L stainless steel has been mainly used
in implants. Reduction of C content to less than 0.03mass% minimizes
sensitization; the sensitization is caused by the formation of a Cr-depleted
zone due to the grain-boundary precipitation of Cr,;Cg, lowering the corrosion
resistance.

15.2.2 Co-Cr alloys

Since the 1900s, it has been known that Co-based alloys exhibit excellent wear
resistance. In the 1930s, cast Co—Cr—Mo alloy (Vitallium) was developed for
dental applications. Cast and wrought Co—Cr alloys have been recognized as
the most suitable biomaterials for sliding parts in artificial joints because of
their higher wear resistance compared to stainless steels and Ti materials.

Cast Co-28Cr—6Mo alloy (ASTM F75) has been used in the stem, ball and
cup of artificial hip joints of both metal-on-UHMWPE (ultrahigh molecular
weight polyethylene) and metal-on-metal types, and sliding components of
artificial knee joints. The F75 alloys usually contain approximately 0.25mass%
C; the carbide precipitates lead to an increase in the wear resistance. The
carbide is mainly the M,;Cq¢ type. Since the carbides are formed during the
cast process, the effects of the investment cast conditions such as mould
temperature and pouring temperature on the microstructure of the as-cast
F75 alloys have been studied (Gomez et al., 1997). As-cast F75 alloys are
subjected to heat treatments such as hot isostatic pressing (HIP) to remove
cast defects and improve ductility. The phase and dissolution behaviour of
precipitates in as-cast alloys during heat treatment has been investigated
(Caudillo et al., 2002).

The Co—Cr alloys in Co—Cr-tungsten (W)-Ni (ASTM F90, F1091), Co-
Ni—Cr—Mo (ASTM F562), and Co—Cr—Fe-Ni-Mo (ASTM F1058) system:s,
which contain Ni as an alloying element, are used as wrought materials.
Since they exhibit excellent hot/cold workability and can be strengthened by
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cold working, they have been used in vascular stents, intracranial aneurysm
clips, orthodontic dental archwires, and fracture healing aids such as bone
plates and wires. The workability of Co—Cr—Mo alloys without Ni addition
is considered to be inferior to that of Ni-containing alloys. Low Ni and
low C Co-29Cr-6Mo alloy can be forged at temperatures above 1273 K;
this temperature has to be strictly maintained during forging (Chiba et al.,
2005).

15.2.3 Ti and its alloys

Titanium (Ti) and its alloys are lightweight, nonmagnetic materials that
exhibit excellent corrosion and mechanical properties. They show very
good biocompatibility, producing few allergic reactions. In addition, Ti
possesses a unique property known as osseointegration (Branemark ez al.,
1977). Osseointegration refers to the direct bonding between Ti and bone
at an optical microscopic level; due to this property, Ti materials exhibit
excellent biocompatibility with bone. Because of their excellent properties as
biomaterials, Ti and its alloys have been widely used to manufacture medical
and dental implants for hard-tissue replacements, especially for parts where
long-term contact with bone is expected.

Among the Ti materials, o type commercially pure (CP) Ti and a + S type
Ti—6 aluminium (Al)-4 vanadium (V) alloy are the most widely used for
biomedical applications. The Ti—-6Al-4V alloy possesses higher mechanical
strength than CP Ti. Because of concerns about potential cytotoxicity of
V and potential neurotoxicity of Al, research regarding alloy designs of
V-free and Al-free o + 8 type Ti alloys has been conducted since the 1980s
(Okazaki et al., 1998). In the 1990s, finite element studies and animal studies
suggested the effectiveness of low elastic modulus biomaterials in hip
prostheses (Wang, 1996). The mismatch between the elastic moduli of the
biomaterials and the surrounding bone has been considered to be the main
reason for implant loosening and stress shielding of bone. The development
of metallic biomaterials with a lower elastic modulus has been conducted in
S type Ti alloys in Ti—niobium (Nb) and Ti—Mo systems.

It is well known that NiTi exhibits shape memory effect and superelasticity,
and is practically applied to orthodontic dental archwires, catheter guide wires,
intracranial aneurysm clips, orthopaedic staples, and vascular stents. Recently,
Ni-free Ti- based alloys with shape memory effect and superelasticity have
been developed in Ti-Nb and Ti—-Mo systems (Chai et al., 2008). Since
the reversible and thermoelastic transformation between B phase and «o”
phase in S type Ti alloys is associated with the shape memory effect and
superelasticity, the shape memory and superelastic Ti-based alloys in the
composition range close to that of the low elastic modulus S type Ti alloys
have been investigated.
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15.3 Newer alloys as metallic biomaterials

New alloys as metallic biomaterials and their fabrication processes are
described here, focusing on stainless steels, Co—Cr alloys, and Ti and its
alloys. Other metallic biomaterials will be discussed in Section 15.5.

15.3.1 Stainless steels

In order to avoid possible Ni allergy problems, the development of Ni-free
stainless steels has been studied. Table 15.2 lists the chemical composition,
manufacturing processes, and mechanical properties of the Ni-free stainless
steels developed thus far. Ni-free stainless steels such as Fe—(15-18)Cr—(10-12)
Mn—(3-6)Mo-0.9N (Uggowitzer et al., 1996), Fe—18Cr—18Mn-2Mo—0.9N
(Menzel et al., 1996), and Fe—(19-23)Cr—(21-24)Mn—(0.5-1.5)Mo—(0.85-1.1)
N (Gebeau and Brown, 2001) in the Fe—Cr—Mn—Mo-N system have been
developed. The significant aspects of the alloy design are the stability of
the austenitic phase, corrosion resistance, and mechanical properties. Ni-free
stainless steels are expected to be used in wires, bone screws, and bone plates,
which are fabricated by cold working processes. Therefore, the stability of
the austenitic phase with a lower magnetic susceptibility for excellent MRI
compatibility is required, even after the cold working process. During the cold
working process, a stress-induced martensitic transformation might occur.

As described in Section 15.2, the addition of Mn to stainless steels lowers
their corrosion resistance. Ni—free stainless steels in the Fe—Cr—N and
Fe—Cr—Mo—N systems have been developed using the processes consisting
of forming and N-absorption treatment (Kuroda et al., 2003). N-absorption
treatment was conducted at 1473 K in an N, gas pressure of 1 atm for
ferritic Fe—24Cr and Fe-24Cr—2Mo alloys. After treatment for 86.4 ks, an
austenized region with a thickness of 1.5 mm was obtained in these alloys.
The N content in the region was reported to be approximately 0.9mass%.
Grain growth was noted during the heat treatment process.

The alloy design and manufacturing of Ni-free stainless steels for biomedical
applications will be carried out from the point of view of stability of the
austenitic phase, corrosion resistance, magnetism and workability. N seems to
be an essential alloying element for Ni-free stainless steels. A cost-effective
N-addition process, removal of impurities, and suppression of grain growth
are important for fabrication of new-generation Ni-free stainless steels.

15.3.2 Co-Cr alloys

Co—Cr alloys are the main metallic biomaterials used in orthopaedics, as
shown in Fig. 15.1. Both cast and wrought Co—Cr alloys have been noted
in the use of artificial hip joints.
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Table 15.2 Ni-free stainless steels for biomedical applications

Chemical composition (mass%)

Manufacturing process

Tensile strength (MPa)

Elongation (%)

Fe—(15-18)Cr—(10-12)Mn-(3-6)Mo-0.9N

Fe-18Cr-18Mn-2Mo-0.9N

Fe-(19-23)Cr—(21-24)Mn
—-(0.5-1.5)Mo—-(0.85-1.1)N

Fe-24Cr-1N

Fe-24Cr-2Mo-1N

Pressure electroslag
remelting and counter
pressure casting

Pressure electroslag
remelting

Electroslag remelting

Forming and nitrogen
absorption, (1473K,
Tatm, ~129.6ks)

Forming and nitrogen
absorption, (1473K,
Tatm, ~129.6ks)

981-1110
(Forged and solution
annealed)

(0.2% proof stress)
600 (annealed)
2100 (50% cold worked)

931 (annealed)
2206 (80% cold worked)

800

1000

53-70
(Forged and solution
annealed)

49 (annealed)
3 (80% cold worked)

25

45

Ref.
Uggowitzer
et al., 1996

Menzel et al.,
1996

Gebeau and
Brown, 2001

Kuroda et al.,
2003

Kuroda et al.,
2003

c9€
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Cast Co—Cr alloy

The strength, wear resistance, and corrosion resistance in cast Co—-Cr—Mo
alloys can be improved by optimization of their chemical compositions
and microstructures. ASTM F75 standards allow the addition of C up to
0.35mass%. The carbides formed during the cast process affect not only the
wear resistance, but also the mechanical properties and corrosion resistance.
Therefore, it is important to understand the effects of the alloying elements,
heat treatment, and cast conditions on the phase, size, shape, and distribution
of carbides in the Co—Cr alloy matrix. An understanding of the reaction
of carbides in the Co—Cr—Mo—C system is also required to produce high-
performance cast F75 Co—Cr alloys (Ramirez-Vidaurri et al., 2009).

Fine distribution of hard carbide appears to be effective in cast Co—Cr
alloys because of the precipitation strengthening. M,3C¢ type carbide and
intermetallic o phase are usually observed as precipitates in as-cast ASTM
F75 Co—Cr alloys (Caudillo et al., 2002). The precipitate of the hard carbide,
such as the M;C; type, and suppression of the formation of the ¢ phase will
improve the wear and mechanical properties of the alloy. The addition of a
small amount of alloying element to F75 Co—Cr alloys is an effective way
of controlling the microstructure. The addition of Zr (Lee et al., 2007) or
boron (B) (Chiba and Nomura, 2009) to F75 Co—Cr alloys has been reported
to be effective in producing a fine microstructure under as-cast conditions.
The addition of N is know to be effective for improvement of mechanical
properties in as-cast F75 Co—Cr alloys, though the function of solute N in
Co—Cr alloys has not been clarified in detail. In F75 Co—Cr alloys, an N
content of up to 0.2mass% is permissible. Increase in the Cr content up to
34mass%, which is greater than that in the F75 composition range, was
reported to be effective in increasing the N solubility in Co—Cr alloys and
in improving mechanical strength and ductility (Lee et al., 2008).

Wrought Co—Cr alloy

The main topic in the research and development of wrought Co—Cr alloys
is the improvement of its hot/cold workability without addition of Ni. The
suppression of the grain-boundary precipitation of carbides and intermetallics
and the stabilization of the y phase, which exhibits considerably better plastic
deformability than the £ phase, are required. Lower C content, as compared
with cast Co—Cr alloys, is preferred for wrought Co—Cr alloys in order to
suppress the carbide formation to achieve workability. On the other hand, C
is known to be a y-stabilizing element, so that the solute C, not precipitated,
may contribute to the improvement of workability. Consequently, studies
on the utilization of solute C in wrought Co—Cr alloys might be important.
N is also a y-stabilizing element. It has been reported that the addition of N
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improves the hot-working properties of Co—28Cr—6Mo—0.16N at temperatures
in the range of 1273-1473 K (Chiba et al., 2009). Excellent hot/cold
workability similar to ASTM F90, F562, and F1058 alloys is desirable for
the new-generation wrought Ni-free Co—Cr alloys.

15.3.3 Ti and its alloys
B type Ti alloys

The elastic moduli of stainless steels and Co—Cr alloys are more than 200
GPa, and o type and o + S type Ti materials have elastic moduli of 90-110
GPa, which are much larger than that of cortical bones (10-30 GPa). 3 type
Ti alloy is known to exhibit a lower elastic modulus than « type and o + 3
type Ti materials; therefore, the 5 type Ti alloy is considered to be the first
candidate for low elastic modulus metallic biomaterials.

Alloy design in the case of Ti-Mo and Ti—-Nb systems, including other
biocompatible alloying elements such as tantalum (Ta) and zirconium (Zr),
has been studied. Figure 15.3 shows the post-annealing elastic modulus,
tensile strength, and total elongation of the j type Ti alloys that have been
developed thus far (Narushima, 2005). Elastic moduli of approximately 80
GPa were reported in the Ti—-Mo systems, such as Ti—12Mo—6Zr—2Fe (Wang
et al., 1993), Ti—-15Mo-2.8Nb-0.2 silicon (Si)-0.28 oxygen (O) (Fanning,
1996), and Ti—15Mo (Zardiackas et al., 1996), and elastic moduli of 50-60
GPa were achieved in the Ti—Nb systems such as Ti—35.3Nb-5.1 Ta—7.1Zr

Elastic modulus, E (GPa), Elongation, L (%)
0 20 40 60 80 100 120

Ti-15Mo-5Zr-3Al
Ti—13Nb—13Zr y
Ti-12Mo-6Zr-2Fe ),
Ti~15Mo-2.8Nb-0.2Si-0.280 1

Ti-35.5Nb-5.1Ta-7.1Zr M 1

Ti-29Nb-13Ta-4.6Zr pE53253555855 E Elongation

HATensile strength
i _ T
Ti-35Nb-4.0Sn pHEB555555 )

1 1
0 200 400 600 800 1000 1200
Tensile strength, o, (MPa)

B Elastic modulus

15.3 Mechanical properties of low elastic modulus g-type Ti alloys.
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(Ahmed et al., 1996), Ti—-29Nb—13Ta—4.6Zr (Kuroda et al., 1998), and
Ti-35Nb—4.0 tin (Sn) (Matsumoto et al., 2005). As seen in Fig. 15.3, the g
type Ti alloys with low elastic moduli tend to have lower mechanical strength
after annealing. However, both low elastic modulus and high mechanical
strength could be achieved after cold rolling of the 3 type Ti alloys in the
Ti—Nb system (Saito et al., 2003; Matsumoto et al., 2005).

Recently, the anisotropy of the elastic modulus in the 3 type Ti alloy single
crystal has been studied. Figure 15.4 shows the crystallographic anisotropy of
the elastic moduli of S type Ti—29Nb—-13Ta—4.6Zr alloy single crystal (Tane
et al., 2008). The elastic modulus of j type Ti alloy single crystal strongly
depends on the crystallographic orientation, where that in the <100>-direction
is the lowest of all crystallographic orientations and that in the <111>-direction
is the highest. The elastic modulus in the <100>-direction is approximately
35 GPa; which is half that in the <111>-direction and is similar to that of
human cortical bones. These results imply that polycrystals with a texture in
which the crystallographic <100> directions are oriented or single crystals
whose <100> directions are oriented along the loading direction in human
bones are promising candidates for biomedical implants with elastic moduli
comparable to the elastic modulus of human bones.

Ti alloys with shape memory effect and superelasticity

Shape memory and superelastic Ti-based alloys for biomedical applications
have been developed in Ti—-Nb—Sn, Ti—-Nb-Al, Ti-Mo—gallium (Ga), Ti—
Mo—Sn, Ti-Nb-O, and Ti—Nb-Zr systems. It has been noted that the elastic

100~
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o

Elastic modulus, E (GPa)
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o
T
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15.4 Orientation dependence of elastic moduli of Ti-29Nb-13Ta-4.6Zr
single crystal in directions between <100> and <110>.
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strain of these alloys was approximately 3%, which is much less than that
of NiTi. Texture control by cold rolling and heat treatment in Ti—22Nb—6Al
alloys (Kim et al., 2006) and an increase in the critical stress for permanent
deformation by the addition of interstitial solute elements in Ti—22Nb alloys
(Kim et al., 2005) were reported to be effective in improving their shape
memory and superelastic properties.

Low-cost Ti alloys

Although not originally developed as biomaterials, the o + 3 type Ti—-Fe—O-N
alloys represented by Ti—1Fe—0.350-0.01N alloy (Fujii, 2003) have been
evaluated for dental applications because of their higher strength compared
to CP Ti and lower fabrication cost compared to Ti—-6Al-4V alloy (Koike
et al., 2005). Their strength and ductility are in the intermediate range
between CP Ti and Ti—6Al-4V alloy. Their fabrication cost is relatively
low because they do not contain expensive rare metals, such as Ta, Nb,
Zr, Mo, or scandium (Sc). They contain Fe and O, which are the main
impurity elements in sponge Ti produced by the Kroll process. In addition,
the concerns of possible toxicity with Fe and O are considered to be very
low. Therefore, the & + S type Ti—-Fe—O-N alloys are promising low-cost
metallic biomaterials.

Thus far, the use of low-cost elements for fabrication of low elastic moduli
or shape memory and superelastic B type Ti alloys has not significantly
progressed. High chemical affinity with many other elements and their
high solubility are unique properties in Ti. The utilization of inexpensive,
common f-stabilizing elements such as Mn, Si, Cr, or Fe is a key issue for
research and development of low-cost 3 type Ti alloys with high mechanical
and biological performance. The low-cost S type Ti—13Cr—1Fe-3Al alloy
(Ogawa et al., 2007), developed for welfare goods, such as wheelchairs, was
reported to have excellent biocompatibility. This alloy could be applied in
the biomedical field.

15.4 Novel processing technologies for metallic
biomaterials

The new processing technologies for fabricating porous metallic biomaterials
and grain refining are discussed with the focus on Ti and its alloys.

15.4.1 Porous metallic biomaterials

Many fabrication methods, such as sintering metal powder, space holder
methods, combustion synthesis, plasma spraying, decomposition of foaming
agents, and rapid prototyping (Ryan et al., 2006) for porous metallic
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biomaterials have been proposed. A low elastic modulus is one of the
advantages of porous metallic biomaterials. Porous CP Ti (Oh et al., 2003)
and B type Ti—-15Mo—-5Zr-3Al alloy (Nomura et al., 2005) exhibit elastic
moduli similar to cortical bone at a porosity of approximately 25-30%, as
shown in Fig. 15.5. The appropriate balance between elastic modulus and
mechanical strength has to be established in bulk porous biomaterials because
introducing pores into the bulk body lowers the tensile and fatigue strengths.
Porous Ti has been considered to be the scaffold for bone regeneration
and tissue engineering (Karageorgiou and Kaplan, 2005). Controlling the
porosity, and the size, shape, and distribution of pores in bulk porous Ti,
is essential for a scaffold with the proper strength and biocompatibility. In
addition, since osteogenesis is known to be affected by the direction of pores
in bulk porous materials (Nakano et al., 2006), the pore direction should be
considered in the design of the scaffolds.

Rapid prototyping technology has received much attention for fabricating
porous biomaterials. Since rapid prototyping can create complex three-
dimensional components from a computer model of the parts using layer-by-
layer construction (Ryan et al., 2006), it allows precise control of porosity
and size, shape, distribution, and direction of pores in the parts. Bulk porous
Ti implants and scaffolds have been fabricated using rapid prototyping
technology in combination with the investment cast process (Lopez-Heredia
et al., 2008), the powder metallurgy technique (Ryan et al., 2008), and 3D
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fibre deposition (Li et al., 2007). The biological performances of these
methods are being studied. Rapid prototyping in combination with laser or
electron beam melting/sintering is another promising process that does not
involve post casting or sintering. In this process, bulk porous Ti implants
can be directly fabricated using layer-by-layer selective melting/sintering
of Ti powder (Hollander et al., 2006). Figure 15.6 shows the appearance of
porous Ti—-6A1-4V alloy blocks with various sizes of pores, directly fabricated
by rapid prototyping in combination with electron beam melting (Nakano
and Ishimoto, 2009). Rapid prototyping technologies can also be applied to
other metallic biomaterials. A Co—Cr alloy implant with controlled surface
topography has been produced by rapid prototyping in combination with
investment casting and laser sintering (Hunt et al., 2005).

The surface treatment of bulk porous Ti is related to its bone formation
ability. Calcium phosphate coating (Lopez-Heredia et al., 2008) and NaOH-
treatment + heating (Fujibayashi et al., 2004) have been examined as methods
of surface treatment of porous Ti. Bone formation on the surface of porous
CP Ti blocks, fabricated by plasma spraying, was observed in the dorsal
muscles of mature beagle dogs twelve months after implantation (Fujibayashi
et al., 2004). The acceleration of bone formation on the surface of porous Ti
blocks was achieved by optimization of the processes in NaOH-treatment +

15.6 Appearance of porous Ti-6Al-4V alloy blocks (courtesy of Prof.
Nakano, Osaka University, Japan).
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heating; that is, bone formation was observed within three months (Takemoto
et al.,2006). Bone formation on a porous Ti—-6Al-4V alloy cylinder produced
by a positive replica technique with and without an octacalcium phosphate
(CagH,(PO,4)¢*5SH,0, OCP) coating was studied both in the back muscle and
in the femur of goats. The OCP was coated on the porous Ti by immersion
in simulated body fluids. Bone formation on both the back muscle and femur
was found in OCP-coated porous Ti—6Al-4V alloy implants after 6 and 12
weeks (Habibovic et al., 2005). These results show that osteoinductivity can
be introduced in Ti by achieving a proper porous structure and by surface
treatment; osteoinductivity is an added advantage of using Ti materials in
artificial bones and scaffolds.

15.4.2 Crystal-grain refinement

Crystal-grain refinement in metallic materials is a common method of improving
the balance of strength and ductility. In this section, recent advances in the
processes of grain refining of o + f type and S type Ti alloys are discussed.
Since a microstructure with a grain size of 1-2 um can be obtained in
biomedical & + S type Ti alloys by thermomechanical treatments (Hirano et
al., 2007), a microstructure with submicron-sized grains is targeted.

Hydrogen treatment

Hydrogen treatment, wherein hydrogen is used as a temporary alloying
element, is an interesting method for grain refinement in o + S type Ti
alloys. This treatment consists of three processes: (i) hydrogen absorption in
a hydrogen atmosphere, (ii) martensitic transformation and heat treatment/
hot working to cause finely dispersed hydride precipitates, and (iii) hydrogen
desorption and recrystallization in a vacuum. It is known that absorption
and desorption of hydrogen in a hydrogen atmosphere and in a vacuum,
respectively, are completed within a very short period of time. The main
mechanisms of microstructure refinement in the hydrogen treatment are as
follows: (i) martensitic transformation makes the microstructure fine and
homogeneous by division of the S-grains, and (ii) hydride precipitation
promotes homogeneous and equiaxed precipitation of the o phase.

It has been reported that superplastic elongation values reaching 9000%
were observed in hydrogen-treated Ti—-6Al-4V and Ti—1Fe—0.350 alloys,
obtained in tensile tests at 1123 K and 1098 K, respectively. Denture bases
were fabricated by superplastic formation of hydrogen-treated Ti—-6Al-4V
alloy (Nakahigashi and Yoshimura, 2002). Hydrogen treatment of  + 3 type
Ti alloys in combination with superplastic forming is a suitable technique to
fabricate implants with complicated shapes and small production mass. As
described above, hydrogen treatment is effective in the grain refinement of
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a + S type Ti alloys, but not in CP Ti. Investigation into grain refinement
in single-phase Ti materials may be a future research subject.

Severe plastic deformation

Severe plastic deformation techniques, such as high-pressure torsion (HPT),
equal-channel angular pressuring (ECAP), and accumulative roll bonding
(ARB), have been widely used to prepare submicron-grained materials in
order to improve their mechanical properties. Grain refinement of CP Ti
and o + B type Ti alloys by severe plastic deformation has been studied
and improvements in tensile strength, fatigue properties, and superplastic
properties have been observed.

The effects of severe plastic deformation in ECAP and multicycle extension
on the mechanical properties of Ti-6A1-4V ELI alloy have been investigated
for implant applications (Saitova et al., 2009) and an improvement in fatigue
strength was achieved.

Microalloying

The grain growth rate in the single  phase of Ti materials during reheating
and hot working is very high, yielding a very coarse -grain microstructure
and a resultant transformed microstructure, which cannot be refined even by
post-heat treatment after hot working. The very coarse acicular microstructure
formed by transformation from the very coarse  microstructure is favourable
for further improvement of fracture toughness or creep property at an elevated
temperature, but the ductility or fatigue property markedly deteriorates at
ambient temperature.

It is known that the addition of a small amount of yttrium (Y), less than
0.Imass%, into o + B type Ti alloy (microalloying) effectively suppresses
the grain growth in the j region (Hotta et al., 2006). Figure 15.7 shows a
variation of S-grain size with the heating temperature for biomedical « + 8
type Ti—4.5Al-6Nb—2Fe—2Mo alloys containing small amounts (approximately
0.1 mass%) of various rare earth metals (RE). The S transus of the alloys is
approximately 1160 K. Grain size in the alloys with the addition of RE is
much smaller and grain coarsening is largely suppressed in the low temperature
region of the § phase, as compared with the alloy without addition. B-grain
size in the RE-added alloys rapidly increases from a particular temperature
which depends on the added RE and is highest in the Y-added alloy. In the
case of the Y-added alloy, the pinning of the grain boundary by fine Y,0;
precipitates formed in the reaction represented in Eq. 15.1 suppresses 3-grain
growth of the alloys.

2Y + 30 = Y,04(s) [15.1]
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15.7 Variation of g-grain size with heating temperature for Ti-4.5Al-
6Nb-2Fe-2Mo alloys containing rare earth metals.

Appearance of rapid grain growth at a particular temperature, as shown in
Fig. 15.7, seems to be caused by the dissolution of Y,05 precipitates into
the B matrix or coarsening of Y,O5 precipitates. The suppression of grain
growth in the B region contributes to the freedom in selection of the processing
temperatures of surface treatment and heat treatment.

15.5 Other metallic biomaterials

Recent advances in Mg alloys and bulk metallic glasses for biomedical
applications are discussed.

15.5.1 Mg alloys

Biodegradable polymers and ceramic materials are widely applied to implants
such as plates, screws, pins, and interbody fusion cages. Biodegradable
implants eliminate the need for a second operation for implant removal.
However, replacing metallic biomaterials with biodegradable polymer and
ceramic materials is considered to be difficult. Biodegradable metallic
materials with excellent mechanical properties are required.

Mg alloys are expected to be candidates for biodegradable metallic
biomaterials. The elastic moduli of Mg materials are 40-45 GPa. Mg is
essential for human metabolism and is naturally found in bone tissue. Mg
is harmlessly excreted in the urine as a soluble and nontoxic oxide (Staiger
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et al., 2006). Since the corrosion rate of highly pure Mg in the human
body is too high and its mechanical properties are inferior to other metallic
biomaterials, improvements in corrosion resistance and mechanical properties
through alloying and surface modification are being pursued.

Commercially available Mg alloys, such as Mg-4Y-3RE (WE43, RE:
rare earth metals) (Waksman et al., 2006), Mg-3Al-1 zinc (Zn) (AZ31),
Mg-9Al-17Zn (AZ91), and Mg—4 lithium (Li)-4AI-2RE (LAE442) (Witte et
al., 2005), are used in coronary stents and hard-tissue replacements. In vivo
evaluations of porous Mg-9Al-1Zn-(0.15-0.5)Mn (AZ91D) scaffolds were
reported (Witte et al., 2007). New Mg alloys in Mg-calcium (Ca) (Pietak et
al., 2008), Mg—Al-Zn—-Ca (Kannan and Raman, 2008) and Mg—Mn-Zn (Xu
et al., 2008) systems have been developed for biomedical applications. The
development of commercially available and newly designed Mg alloys is still
a debatable issue because the safety, corrosion resistance, and mechanical
strength are insufficient for use in stents and implants. The effect of alloying
elements on the biological properties of Mg alloys is being systematically
investigated.

Surface modification of Mg alloys is an effective way to control the
corrosion rates in the human body (Yamamoto, 2008). Chemical conversion
treatment, anodic oxidation, air oxidation, alkali treatment, and hydroxyapatite
coating (Hiromoto and Yamamoto, 2009) have been studied thus far.

15.5.2 Bulk metallic glasses

Amorphous alloys usually show higher tensile strength and lower elastic moduli
than crystalline alloys of the same composition (Inoue, 2000). Amorphous
alloys also show higher corrosion resistance than crystalline alloys. Recently,
Ti-based bulk metallic glasses in Ti—Zr—copper (Cu)-palladium (Pd) (Zhu
et al., 2007) and Ti—Zr—Cu-Pd-Nb (Qin et al., 2008) systems have been
developed. An elastic modulus of approximately 80 GPa, a tensile strength
of 2050 MPa, and a plastic strain of over 6.5% were obtained in the bulk
metallic glass of (TizgZr;oCusePd;4)100-xNbx (X =1 and 3).

15.6 Future trends

The research and development of new-generation metallic biomaterials
and their novel fabrication processes will continue. The research aims at
functional and economical improvement of biomedical devices to expand
their applications to soft-tissue replacement and tissue engineering, in addition
to hard-tissue replacement.

The addition of N for improving mechanical and corrosion resistance
might be a key issue in designing new stainless steels and Co—Cr alloys,
considering the effect of other alloying elements such as Cr, Mo, C, and
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Mn on the properties of the N-added alloys. The goal of stainless steels
and Co—Cr alloys without Ni addition is to improve biocompatibility and
hot/cold workability. As for the Ti materials, the development of the S
type Ti alloys for controlling elastic modulus and shape memory effect/
superelasticity is still considered to be still a major issue. Mg alloys with
controlled corrosion rates and Ti-based bulk metallic glasses without Ni and
Cu are to be developed.

In addition to the development of new metallic biomaterials, the alloy
design and fabrication of highly functional metallic biomaterials under the
present standards are issues to be considered. One example of development
in the fabrication of highly functional metallic biomaterials under the present
standards is the improvement of wear properties and hot/cold workability
in Co—-Cr-Mo alloys in ASTM F75 and F1537 standards, optimizing the
contents of the minor alloying elements such as C, N, Si or Mn.

Since mechanical stress is anisotropically induced in biomedical devices
in the human body, a consideration of the anisotropic effects of the devices
is interesting. New processes in the fabrication of highly anisotropic
metallic biomaterials need to be developed. In Co—Cr alloys and Ti alloys,
microstructure control by thermomechanical and thermochemical treatments
may be effective in the future. The fundamental thermodynamic data on the
phase and stability of precipitates, phase relation, and activity and solubility
of alloying elements in Co—Cr alloys and Ti alloys at high temperatures have
become important; hence, these data have to be derived and assessed. For
applications in tissue engineering, porous structures made of Mg alloys or
Ti alloys are being developed.

Although biocompatibility is the priority while considering metallic
biomaterials, the cost of production processes is another important aspect.

New-generation
metallic biomaterials

Low cost

15.8 Future trends in fabricating metallic biomaterials.
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Low-cost production processes can be achieved by using low-cost alloying
elements and reasonable processes for desired texture, grain size, and
precipitates. The common metal elements, such as Si, Al, Fe, or Mn, and
interstitial elements, such as C, N, and O, are candidate low-cost alloying
elements. Alloy design and processing using these elements need to be
investigated and further developed. New-generation metallic biomaterials will
be created to achieve a balance of function, safety, and cost (Fig. 15.8).

15.7 Sources of further information and advice

Metallic biomaterials

Park J and Lakes RS (2007), Biomaterials: An Introduction, New York, Springer.

Mayer VA (2008), 2008 Annual Book of ASTM Standards, Section Thirteen, Medical
Devices and Services, Vol.13.01, West Conshohocken, ASTM International.

Wnek GE and Bowlin GL (2008), Encyclopedia of Biomaterials and Biomedical
Engineering, New York, Informa Healthcare USA.

Co-Cr alloys
Sims CT, Stoloff NS and Hagel WC (1987), Superalloys II, New York, Wiley.

Ti and its alloys

Boyer R, Welsch G and Collings EW (1994), Materials Properties Handbook: Titanium
Alloys, Materials Park, ASM International.
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Degradable metallic biomaterials for
cardiovascular applications
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Abstract: The use of degradable materials for modern biomedical
applications was introduced in the late 1980s. Nowadays, the study of
degradable biomaterials has become one of the most interesting research
topics for biomaterials. A high increase in publications in this research field
has been recorded in Medline for the last decade. Degradable biomaterials
are expected to support an undergoing healing process of diseased tissues
and to progressively disappear thereafter. Cardiovascular, orthopaedic and
paediatric are three promising fields of applications for this new class of
biomaterials. In cardiovascular applications, the coronary artery stent is
one of the interesting degradable implants. This tiny implant provides a
temporary scaffolding function to open a narrowed arterial vessel until the
vessel remodels. Introduced in 2001, biodegradable stents raised interest
among researchers, clinicians and industrialists. Although there are not yet
any available for clinical use, a few models are presently undergoing pre-
clinical tests in humans.

Improvements toward ideal degradable metallic biomaterials still need to
be addressed. In this chapter, studies on degradable metallic biomaterials are
reviewed. Properties of ideal degradable metallic biomaterials are elaborated
and strategies to develop them are also proposed. Finally, their possible
future direction is summarised.

Key words: degradable biomaterials, metal, cardiovascular, degradation,
stent.

16.1 Introduction

Degradable polymers applied as biomaterials have been investigated for
decades since their introduction in 1988 (Stack et al., 1988). Among the
polymers which have been proposed are poly-I-lactic acid (PLLA) (Stack
et al., 1988; Tamai et al., 2000), polyglycolic acid/polylactic acid and
polycaprolactone (van der Giessen et al., 1996). In 2000, PLLA stents were
tested for implantation in human coronary obstructions (Tsuji ez al., 2001)
but no follow-up report was ever published. Degradable polymers decompose
in the human body after 12 to 24 months for the lactic-acid family, whereas
degradation takes more than 24 months for polycaprolactone (Waksman,
2006). Degradable polymers have a major drawback because of their limited
mechanical performance. Stents made of polymers have shown high incident
of recoil (Tsuji et al., 2001). They need to be thicker in order to compete
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with metals (Venkatraman et al., 2003). Especially for load bearing implants
such as stents, metals, which offer an excellent combination of strength and
ductility, still constitute the principal choice of biomaterials.

Research on metals as degradable biomaterials is much more recent than
that on polymers. In fact, corrosion resistance has always constituted one
of the main requirements for metallic biomaterials, as is reported worldwide
in most biomaterial textbooks. This was a paradigm. In this sense, the idea
of considering degradable metals to fabricate temporary implants required
some sort of break for this paradigm.

Introduced in 1938, magnesium (Mg) was the first metal used for
biodegradable implants (McBride, 1938). However, at that time, the
degradation behaviour of Mg was not well known and the booming of stainless
steel caused this metal to be abandoned. Nowadays, as Mg technology
has advanced, Mg has regained the attention of biomaterialists as a basic
material for biodegradable implants. Currently, two classes of metals have
been proposed: magnesium (Mg)— and iron (Fe)-based alloys. Several Mg
alloys have been investigated, including AE21 alloy, which contains 2 wt%
aluminum (Al) and 1 wt% rare earth elements (RE) (Heublein et al., 2003),
AMG60 alloy with 6 wt% Al and 0.3 wt% manganese (Mn) (Levesque et al.,
2003), AZ91 alloy with 9 wt% Al and 1 wt% zinc (Zn) (Witte et al., 2005;
Xin et al., 2007), and WE43 alloy with 4 wt% yttrium (Y) and 3 wt% RE
(Di Mario et al., 2004; Peeters et al., 2005; Witte et al., 2005; Waksman
et al., 2006). More recently, biodegradable Mg stents have advanced to a
multi-center clinical trial involving 63 patients, with some encouraging
initial results (Erbel er al., 2007). The potential of Fe for cardiovascular
application has also been investigated (Peuster et al., 2001, 2006b; Waksman
et al., 2008).

Nowadays, the study of innovative degradable biomaterials is one of
the most interesting research topics at the forefront of biomaterials. This
enthusiasm is driven by three main factors:

e The advancement of materials science and engineering which allows us
to better control the structure and properties of metallic materials, as
well as their processing.

e Knowledge about tissue-implant interactions, which raises the new
concept of bioactive biomaterials, rather than the conventional concept
of inert biomaterials. A bioactive biomaterial should promote positive
interactions with the physiological site where it is implanted.

e Increasing life expectancy, which strongly influences society’s expectation
(demand) for a better quality of life, and pushes biomaterialists to develop
new technologies to provide better implants.
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16.2 Clinical needs for using degradable metallic
biomaterials

One of the main goals and interests for degradable biomaterials is that they
are expected to fulfill functions for only temporary, short-term periods. During
this time, the normal body pathways are expected to strongly participate in
the healing of the diseased sites while the degradable materials are expected
to support the undergoing regenerative process and to progressively disappear
thereafter. Stents are a good example of a temporary implant application in
this new replacement philosophy. They are tiny tubular mesh-like structures,
currently made from corrosion resistant alloys, such as stainless steel 316L
(SS316L), cobalt (Co)-chromium (Cr) alloys and nickel (Ni)—titanium (Ti)
alloys, implanted in conditions as described in Table 16.1. Stents provide

Table 16.1 Environmental conditions of implanted coronary stents

Parameters

Values

References

Implantation condition
Inflation pressure

Stent’s plastic deformation
induced during inflation

Coronary artery environment
Blood plasma main
composition

Blood density

Blood viscosity

Blood pH

Blood average peak velocity
Temperature

Shear stress

Arterial vessel diameter
Arterial vessel wall thickness
Dynamic load cycle

Heart beating pressure

Frequency of heart beating
and artery pulse

Other condition
Magnetic field generated
during MRI (if applicable)

10-14 atm (1.0-1.4 MPa)

Up to 20%

Protein: albumin, globulin,
fibrinogen

lons: chloride, sodium,
bicarbonate, etc.

Lipid: cholesterol,
phospholipid, triglyceride

1.06 g/cm?®

3-4 mPa.s

7.4

7-25 cm/s

37 °C

0.3-1.2 Pa

2-5 mm

0.5-1 mm

108 cycles for a 10 year life

Systole: 80 mmHg (~10 kPa)
Diastole: 120 mmHg (~16 kPa)

1.17 Hz

0.2-3 Tesla

(Colombo et al.,
1995)

(Migliavacca
et al., 2005)

(Schneck, 2000)

(Doriot et al.,
2000, Muller-
Hulsbeck

et al., 2001)

(Schneck, 2000)

(Marrey
et al., 2006)

(Roberts and
Macgowan, 2004)
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a mechanical scaffolding support and prevent early recoil and late vascular
remodelling, the two major limitations of balloon angioplasty (Serruys et
al., 1994; Fischman et al., 1994).

Stenting has become a proven procedure for the treatment of coronary
artery occlusions (Serruys et al., 2006). During 2002-2003, more than
half a million hospital discharges with at least one coronary stent insertion
procedure performed among adults were reported in the USA (Leavitt et
al., 2005). Since its first introduction in 1987 (Sigwart et al., 1987), stent
technology has progressively advanced from the conventional bare metal
stents to drug eluting stents and, recently, biodegradable stents (Elliot et
al., 2006; Waksman, 2007). Stent have become a product in which the
technology pulls and the market pushes. The stents market is growing rapidly.
In the USA (Figure 16.1), drug eluting stents have enjoyed a growth from
approximately 405000 implanted stents in 2003 to more than 1.5 million
estimated for 2008 (Medtech, 2004). Between 2003 and 2008, the market
has grown from $1.2 million to $4.1 million (Medtech, 2004).

However, the role of stenting is temporary. Remodelling of the arterial
wall is expected as a consequence of the mechanical stresses generated by
the stent after deployment (Grewe et al., 2000). The remodelling process can
take up to 6-12 months (Grewe et al., 2000; Konig et al., 2002; Willfort-
Ehringer et al., 2004). Thereafter, the continued presence of the stent is
not necessary, since in some way, the tissue finds a new equilibrium after
remodelling. The long-term presence of the stent could provoke late thrombosis
and chronic inflammation (Virmani et al., 2004) and may inhibit the ongoing
arterial remodelling, leading to in-stent restenosis problems (Hoffmann et
al., 1996). In paediatric intervention, after a congenital heart disease has
been treated, the disappearance of the stent easily enables further vessel
growth and avoids the need for further serial stent dilatation to adulthood
(Zartner et al., 2005, Schranz et al., 2006). Therefore, biodegradable
stents are envisaged to support the arterial wall during the remodelling and
progressively degrade thereafter. The problem of late stent thrombosis is
unlikely and the prolonged antiplatelet therapy is not required (Waksman,
20006).

16.3 Studies on degradable metallic biomaterials for
cardiovascular applications

16.3.1 Rationale

The use of two proposed base metals for biodegradable implants, Fe and
Mg, are justified by their implantation safety based on their essentiality and
their well known influence on metabolism (Peuster et al., 2001; Heublein
et al., 2003). They possess a low toxicity (Table 16.2) and the transport
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16.1 US procedure volume and market forecast for bare metal and
drug eluting stents. Data compiled from Medtech Insight report
(Medtech, 2004).

systems for clearance of their degradation products are well-defined. Their
biocompatibility is assumed to be good.

Fe can interconvert between ferric (Fe?*) and ferrous (Fe**) forms by
accepting and donating electrons quite readily, which makes it a useful
component for cytochromes, oxygen-binding molecules (hemoglobin and
myoglobin), and many enzymes (Andrews, 1999). Fe ions are bound to
transferrin (the Fe-transporting protein) during circulation and bound to
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Table 16.2 Toxicity values for Fe and Mg in humans

Fe Mg

Biological role Essential component Essential trace element for
of hemoproteins many enzyme cofactors

IARC evaluation Fe(lll) =3 N/L

(Boffetta, 1993).

Dietary intake (mg/day) 6-40 250-380

(Emsley, 1998)

Level in whole blood 447 37.8

(mg/L) (Emsley, 1998)

Blood toxic level (mg/L) 3.5-5 (in serum) 85-121 (in plasma)
(Frey, 1999) (Saris et al., 2000)

Note: IARC classification: 1 = carcinogenic to humans, 2A = probably carcinogenic
to humans, 2B = possibly carcinogenic to humans, 3 = not classifiable as
carcinogenic to humans, N/L = not listed in IARC monograph.

ferritin (the Fe-storaging protein) when accumulated within cells (Aisen et
al., 1999). Even though Fe is essential to life, its excess or deficiency can
be deleterious (Andrews, 1999). However, the insignificance of cytotoxic
effect of Fe and its degradation products in vivo has been argued as follows.
The in vivo degradation rate of pure Fe is slow and its toxicity is also low
(Peuster et al., 2001). The slow degradation rate and the small amount of Fe
in a stent (approximately 40 mg) compared to the high Fe-load of blood, 447
mg/L (Emsley, 1998), make any systemic toxicity rather unlikely (Mueller
et al., 2006). The mechanical properties of Fe are excellent due to a good
combination of strength and ductility (Brandes and Brook, 1992). Fe is
an important base metal for a rich selection of structural alloys, such as
stainless steels, fulfilling the needs of various applications. Their structure
and properties can be further adjusted by alloying and by using thermo-
mechanical treatments.

Mg?* is the fourth major cation of the human body, with 50% of the total
Mg content in bones and only 1% in the extracellular fluid (Okuma, 2001).
Mg is a co-factor for many enzymes, and it stabilizes the structures of DNA
and RNA (Hartwig, 2001). The toxicity of Mg is low (Emsley, 1998), and
early signs of toxicity during intravenous Mg treatment usually occur at a total
concentration of 85-121 mg/L in plasma (Saris et al., 2000). The incidence of
hyper-Mg is rare, due to the efficient excretion of Mg in the urine (Vormann,
2003; Saris et al., 2000). From physical and mechanical points of view, the
density and stiffness of Mg (p = 1.74 g/lcm® and E = 45 GPa) are the most
similar to cortical bone (p =1.99 g/lem® and E = 11.7-18.2 GPa) (Currey,
1998) when compared to Al (p = 2.70 g/lcm®, E = 70 GPa) and Ti (p = 4.51
g/em®, E = 110 GPa) (Brandes and Brook, 1992). Its very low density gives
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it an interestingly high strength-to-weight ratio (Mordike and Ebert, 2001),
which in turn would significantly reduce the weight of medical implants. Its
low Young’s modulus would give benefit in reducing the stress shielding at
the bone-implant interface, which is still the main problem of currently used
non-degradable bone implants (Karachalios et al., 2004).

In addition, it was recently found that in vivo corrosion products of
Mg have a positive effect on osteoblastic activity, leading to a complete
replacement of the implant by bone tissue (Witte et al., 2005). These unique
features make biodegradable Mg alloys suitable for orthopaedic applications;
for example, internal bone fixation implants such as plates, pins and screws.
Their use would avoid second surgery to expel the implant, which is the
case for non-biodegradable implants, after sufficient healing. Therefore, it
would prevent the increasing costs and reduce morbidity rates. Alloying,
purification and surface treatment are continuously advanced as strategies
to improve current Mg performance (Song, 2007).

16.3.2 Mechanical properties

Currently, metallic biomaterials used for long-term implantation are corrosion
resistant alloys. Stainless steel 316L, as the most widely used alloy, is often
considered as the standard reference for mechanical properties in developing
new biomaterials (Balcon ez al., 1997). Table 16.3 compares the mechanical
properties of already implanted degradable metals with SS316L.

The mechanical properties of pure Fe are closer to those of SS316L than
Mg alloys, making Fe more suitable for applications that require high strength
and ductility such as coronary stents. Nevertheless unlike most metallic
nonmagnetic biomaterials, Fe is ferromagnetic substance, an important
characteristic which can influence its compatibility with Magnetic Resonance
Imaging (MRI). MRI will eventually become the default noninvasive imaging
modality for coronary investigation. An attempt has been made to alter the
ferromagnetic properties of Fe and improve its mechanical properties by
alloying it with Mn (Hermawan et al., 2008). A composition of Fe with 35
wt% Mn, produced through mechanical alloying, results into a nonmagnetic
austenitic alloy with a yield strength reaching 230 MPa and maximum
elongation up to 32% (Hermawan et al., 2008).

The ductility of Mg alloys is limited, compared to most Fe alloys (Mordike
and Ebert, 2001). The alloy used in stents which are implanted in babies, the
WEA43 alloy (Zartner et al., 2005; Schranz et al., 2006), has only 4% maximum
elongation (Table 16.3). A specific stent design was therefore implemented
(Figure 16.2). The circumferential noose-shaped structures connected by
unbowed cross-links along the longitudinal stent axis optimise the flexibility
for optimal delivery and radial expansion during stent implantation (Di Mario
et al., 2004; Erbel et al., 2007).
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Table 16.3 Properties of already implanted degradable metals compared to SS316L

98¢

Metal Metallurgical Main alloying Density Magnetic/non-  Yield Ultimate Young’s Maximum
condition composition (g/cm3)  magnetic strength  strength  modulus elongation
(Wt%) (MPa) (MPa) (GPa) (%)
SS316L Annealed plate Fe, 16-18.5Cr, 8.00 Non-magnetic 190 490 193 40
(ASTM, 2003) 10-14Ni, 2-3Mo,
<2Mn, <1Si, <0.03C
Iron* Annealed plate 99.8Fe 7.87 Magnetic 150 210 200 40
WE43 magnesium Extruded bar Mg, 3.7-4.3Y, 1.84 Non-magnetic 150 250 44 4
alloy (ASTM, 2007) 2.4-4.4Nd, 0.4-1Zr

S80IABP |BOIPBUIOI] JO) S|EIB|A

*Data provided by Goodfellow Corporation, Oakdale, PA, USA.
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16.2 WE43 magnesium alloy stent (a) before (electron microscopy image) and (b) after being inflated (photograph).

Adapted from (Erbel et al., 2007). Reprinted with permission from Elsevier.
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The ductility of Mg alloys can be improved by alloying and employing
advanced processing techniques. For example, alloying Mg with lithium (Li)
can change the crystal structure from hexagonal to body centered cubic and
produces a large increase in ductility. Mg alloyed with 8.7 wt% Li showed
52% elongation, but tensile strength dropped to 132 MPa (Sanschagrin et
al., 1996). A hot extruded Mg alloyed with 1 wt% calcium (Ca) showed a
good combination of strength and ductility, where tensile strength reached
240 MPa with 11% elongation (Li et al., 2008). A hot extrusion process was
also employed to improve the strength of Mg-Li—Al alloy, resulting in a
combination of tensile strength of 239 MPa with 33% elongation (Sanschagrin
et al., 1996). Other processes have reported to improve ductility of Mg alloys
including grain refinement (Mukai et al., 2001) and texturing through an
equal channel angular processing (Agnew et al., 2004). Nevertheless, the
choice of alloying elements for Mg is limited from a medical point of view.
A simple toxicological analysis arrives at few elements that can be tolerated
in the human body, comprising Ca, Zn, Mn and perhaps a very small amount
of low toxicity RE elements (Song, 2007).

16.3.3 In vitro investigation

In order to understand the degradation behaviour of the proposed alloys,
a series of investigations has been conducted involving both in vitro and
in vivo methods. Some of the in vitro tests dedicated to understanding the
degradation mechanism and rate without contact with cells were reported
(Kuwahara et al., 2000, 2003; Peuster et al., 2001; Levesque et al., 2003,
2008; Witte et al., 2006; Hermawan et al., 2007; Kannan and Raman, 2008a,
2008b). Meanwhile, there are few reports about in vitro tests involving cells or
cytotoxicity assays (Li et al., 2004, 2008). The in vitro investigation method
without contact with cells can be divided into three categories: (i) immersion
test, (ii) electrochemical test and (iii) specialised immersion test.

e [mmersion test: The closest standard generally used for conducting a
laboratory immersion test is ASTM G 31 (ASTM, 2001a). Specimens
are simply immersed in the test solution for a determined period, varying
from hours to weeks. The test solution can be based on a Ringer-lactate
solution (Peuster ez al., 2001), an artificial seawater solution (Witte et al.,
2006, 2007) or a Hank’s solution (Kuwahara er al., 2000; Hermawan et
al., 2007). Corrosion rates (CR) can be determined by measuring the ion
release using an atomic absorption spectrometer (Peuster et al., 2001)
or by calculating the weight loss of specimens (ASTM, 2001a).

e FElectrochemical test: The most used electrochemical method is a
potentiodynamic polarisation test, according to two available standards:
ASTM G 59 (ASTM, 2001b) and ASTM F 2129 (ASTM, 2004). The
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set-up for a potentiodynamic polarisation test is illustrated in Figure
16.3. Specimens are usually mounted in an acrylic resin, having had
1 cm? of the exposed surface polished before the tests. The test solution
can be prepared from a Hank’s solution (Hermawan et al., 2007), a
borax-phosphate buffer (Witte et al., 2006), artificial seawater (Witte et
al., 2007), or a specific simulated body fluid (Xin et al., 2007; Kannan
and Raman, 2008b). The CR is calculated from the measured corrosion
current density (ASTM, 2001b). Recently a new electrochemical
method, the slow strain rate test (SSRT), was introduced to investigate
the mechanical integrity of metals (AZ91Ca magnesium alloy) during
degradation (Kannan and Raman, 2008b).

e Specialised immersion test: One example of a specialised immersion test
is a pseudo-physiological test which employs a test-bench (Fig. 16.4)
to reproduce conditions similar to those in the human coronary artery
(Table 16.1) (Levesque et al., 2003, 2008). This test has shown the
important role of shear stress on the degradation rate, as well as on the
degradation mechanism, which cannot be assessed with the immersion
or electrochemical test method. It is suggested that the test-bench will
be useful in further investigation for the development of metallic alloys
for biodegradable stents (Levesque et al., 2008).

Even though the ASTM standards give guidance for conducting in vitro
degradation tests, they are not specifically designed for testing degradable
biomaterials. Some adjustments in test parameters should be made to make

Potentiostat

o Working
G| o Auxiliary
?Reference

Ammeter<o> High-
Q impedance

voltmeter

Salt-bridge probe
Auxiliary__l IZ | Working "l Reference
electrode electrode electrode

Polarisation Reference
cell cell

16.3 A potentiodynamic polarisation test set-up. Adapted from Scully
and Taylor (1992).
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16.4 A pseudo-physiological test-bench. Adapted from Levesque et
al. (2008).

Table 16.4 Comparison of in vitro degradation rates of Fe and Mg alloys

Degradation rate (mm/year)

Material Immersion Electrochemical Reference
Pure iron 0.21 N/A (Peuster et al., 2001)
0.23 0.19 (Hermawan et al., 2007)

AM60 magnesium alloy 2.78 8.97 (Hermawan et al., 2007)

AZ91 magnesium alloy 10.39 147.68 (Hermawan et al., 2007)
-0.27 2.8 (Witte et al., 2006)

LAE442* magnesium 5.53 6.9 (Witte et al., 2006)

alloy

*A non-commercial magnesium alloy composed of 4 wt% lithium (Li), 4wt%
aluminum and 2 wt% rare earth (RE). The RE consisted mainly of 51 wt% cerium
(Ce), 22 wt% lanthanum (La), 16 wt% neodymium (Nd) and 8 wt% praseodymium
(Pr) (Witte et al., 2006).

the test as close as possible to the in vivo conditions, such as temperature,
test solution and pH. The difference in determining test parameters produces
different results, for instance, in degradation rate. Table 16.4 presents a
comparison on degradation rates, determined by immersion and electrochemical
test methods on Fe and Mg alloys. The degradation rates of Fe were similar
in both investigations due to the use of rather similar test parameters. Large
differences were found for the AZ91 magnesium alloy by the two investigators.
The differences in test solution (artificial seawater vs. Hank’s solution),
test temperature (room temperature vs. 37 °C) and specimen’s preparation
(sterilised vs. non-sterilised surface) probably constituted the main cause
of these divergences.
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In vitro tests in the presence of cells are carried out in order to assess
early signs of cell compatibility (for example cell viability) in contact with
the proposed alloys. The ISO 10993-5:1999 standard provides a suitable
method for conducting such tests (ISO, 1999). One in vitro study reported
the response of human umbilical venous smooth muscle cells (SMCs) to
an excess of ferrous ions in which the ions reduced the cell growth rate
(Mueller et al., 2006). More cytotoxicity studies were carried out for Mg
alloys mostly proposed for orthopaedic applications (Heublein et al., 2003;
Li et al., 2004, 2008; Witte et al., 2007).

A cell viability assay (indirect contact cytotoxicity) involves depositing
samples of sterilised pure Mg (2 x 2 x 2 mm?) in 96-multiwell plates, seeded
with 1 x 10° cells/mL marrow cells, followed by incubation up to 72 hours
in a humidified atmosphere with 5% CO, at 37 °C (Li et al., 2004). The
same method was carried out for Mg—Ca alloys using L-929 cells (Li et
al., 2008). Other cytocompatibility tests were performed on biodegradable
Mg-hydroxyapatite metal matrix composite using human bone derived cells
and MG-63 plus RAW 264.7 cells (Witte et al., 2007). Although those studies
were conducted for Mg alloys proposed for bone implants, the method can
be adapted for other alloys proposed for biodegradable stent applications.

16.3.4 In vivo investigation

There were two initial in vivo investigations of metallic biodegradable
stents, published in early 2000 — first, the implantation of Fe stents into the
descending aorta of New Zealand white rabbits (Peuster et al., 2001) and
second, the implantation of AE21 magnesium alloy stents into the coronary
artery of domestic pigs (Heublein et al., 2003). These pioneering works
have proved the potential for degradable metals to be used in cardiovascular
applications. Recently, at least four studies of metallic biodegradable stents
implanted in animals have been published (Table 16.5).

The long-term biocompatibility of Fe stents was evaluated in a study
involving the implantation of Fe stents (Fig. 16.5), and SS316L stents as a
control, in the descending aorta of minipigs. The results showed that there
was no difference in the amount of neointimal proliferation between 316L
and Fe stents. There was no sign of Fe overload or Fe-related organ toxicity
as well as no evidence for local toxicity due to corrosion products. It was
concluded that Fe is a suitable metal for the production of a large-size
degradable stent, although a faster degradation rate was desirable (Peuster
et al., 2006b). Another study to assess the safety and efficacy of Fe stents
was conducted by the implantation of Fe and Co—Cr (control) stents in the
coronary arteries of juvenile domestic pigs. The results of this short-term
study showed that there was a trend in favour of the Fe stents compared to
the Co—Cr stents for the intimal thickness, intimal area, and percentage of
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Table 16.5 In vivo investigations on Fe and Mg alloys for cardiovascular stent
applications

Material Implantation Implantation Findings Reference
site time
Fe stents
Fe Descending 18 months = Low thrombogenicity (Peuster
aorta of = Mild inflammatory et al., 2001)
New Zealand response
rabbits = Lack of local or
systemic toxicity
= Accelerated degradation
is warranted
Fe Descending 12 months = No local or systemic (Peuster
aorta of toxicity et al., 2006b)
minipigs = Neointimal proliferation
is comparable to AISI
316L stent
= A faster degradation
rate is desirable
Fe Coronary 28 days = Fe stents are safe (Waksman
arteries of et al., 2008)
porcines
Mg alloys stents
AE21 Coronary 56 days = Mg alloy stents (Heublein
artery are promising et al., 2003)
of pigs = Prolonged degradation
is desired
WE43 Coronary 3 months = Mg alloy stents are (Waksman
artery of safe and are associated et al., 2006)
domestic or with less neointima
minipigs formation
= Long-term studies
(>3 months) are needed
to prove positive
remodelling
WE43 Coronary 28 days = VBT as adjunct to (Waksman
artery of stenting further reduces et al., 2007)
domestic intimal hyperplasia and
pigs with improves lumen area
VBT when compared to

stenting alone

occlusion. It was then concluded that stents made of Fe were relatively safe
(Waksman et al., 2008). The advantage of Fe stents was also mentioned in
a study on the influence of ions released from Fe stents because the ions
could reduce the proliferation of vascular smooth muscle cells, an event
associated with the problem of in-stent restenosis (Mueller et al., 2006).
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(a) (b)

16.5 The NOR-1 iron stent (a) before and (b) after being inflated.
Adapted from (Peuster et al. (2006a). Reprinted with permission from
Cambridge University Press.

A study to determine the safety and efficacy of Mg alloy stents was carried
out involving the implantation of stents in porcine coronary arteries. The results
led to a conclusion that Mg alloy stents were safe and were associated with
less neointima formation compared to stainless steel stents. However, they
were associated with a modest degree of late recoil and intimal hyperplasia
(Waksman et al., 2006). A follow-up study was then conducted involving the
use of adjunct vascular brachytherapy (VBT) to overcome these limitations.
It was concluded that VBT as an adjunct to Mg alloy stents further reduced
the intimal hyperplasia and improved the lumen area when compared to the
stent alone, but did not have any impact on late recoil (Waksman et al.,
2007).

16.3.5 Implantation trials in humans

Today, biodegradable stents are no longer just a concept as they are already
implanted in humans. Table 16.6 summarises the conclusions of published
reports on implantation trials of Mg alloy stents. The first report described a
preliminary three-month follow-up of critical limb ischemia (CLI) treatment
in 19 adults. It was reported that the primary clinical patency was as high
as 89.5%, with no major or minor amputation necessary in any of the
patients, yielding a limb salvage rate of 100%. This trial suggested promising
performance of the devices in the treatment of CLI patients (Peeters et al.,
2005).

The Mg alloy stent was used for the first time to treat a congenital heart
disease in a preterm baby. The implantation was performed using a hybrid
procedure when the baby weighed 1.7 kg, and successfully re-established the
left lung reperfusion. During the four months of follow-up, the degradation
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Table 16.6 Implantation trials of WE43 magnesium alloy stents in humans

Trial

Findings

Reference

Pre-clinical testing of

stents for critical limb
ischemia (CLI) in adult
patients

Implantation of stents to
treat critical recoarctation
of the aorta in a newborn

Implantation of stents to
open an occlusion in the
left pulmonary artery of
a preterm baby

Implantation of stents to
treat stenotic aorto-

pulmonary collateral in a
two-months-old baby girl

Clinical performance and
angiographic results of
coronary stenting with
absorbable metal stents
(PROGRESS-AMS) clinical
trial involving implantation
of 71 stents in 63 patients

Three months primary clinical
patency and limb salvage rates
suggest the potential of Mg
alloys stents for CLI treatment

Biodegradable metal stent can
be used for the treatment of
aortic coarctation in a newborn

— Biodegradable Mg stent
implantation has rescued a
child from an extremely
severe clinical problem

— Completed degradation of the
Mg stent led to minimal
changes within the arterial wall

There was an initial significant
increase in vessel diameter but
four months after stent placement
significant restenosis occurred

— The immediate angiographic
result is similar to the result is
similar to the result of other
metal stents

— The stents are safely degraded
after four months

(Peeters et al.,
2005)

(Schranz et al.,
2006)

(Zartner et al.,
2005, 2007)

(McMahon
et al., 2007)

(Erbel et al.,
2007)

process was clinically well tolerated and the mechanical characteristics proved
to be adequate to secure the reperfusion (Zartner et al., 2005). However,
after five months of implantation, the baby died from multiple organ failure.
It was an interesting finding that histo-pathological tests conducted during
the autopsy confirmed that the stent had completely disappeared. A jelly-like
calcium phosphate and fibrotic structure substituted the stent struts, which
allowed a slight increase of the intraluminal diameter over the original stent
diameter (Zartner et al., 2007).

The Mg alloy stent was used for the second time to treat a newborn baby
with severely impaired heart function due to a long segment recoarctation
following a complex surgical repair (Schranz et al., 2006). The stent was
able to sustain perfusion without measurable recoil after implantation but,
due to a rapid degradation process, the operated vessel backslid into its
previous course and required the implantation of a second stent. However,
pathological Mg levels in serum were not detected, despite the use of two
stents.

An encouraging report comes from a multi-centre, non-randomised
prospective study, the PROGRESS-AMS (Clinical Performance and

© Woodhead Publishing Limited, 2010



Degradable metallic biomaterials for cardiovascular applications 395

Angiographic Results of Coronary Stenting with Absorbable Metal Stents)
(Erbel et al., 2007). The trial successfully implanted 71 stents in 63 patients.
After 4 months, the ischaemia-driven target lesion revascularisation (TLR)
rate was 23.8% and the overall TLR rate was 45% after one year. This
study revealed that Mg alloy stents can achieve an immediate angiographic
response similar to that of other metallic stents and be safely degraded
after four months. However, the current stent still shows limitation where
the restenosis and incidence of TLR were higher than reported for the bare
metal stents (Morice et al., 2002). The study suggested that it is necessary
to modify the stent characteristics with a prolonged degradation time.

Very recently, a published report revealed an early restenosis following
Mg alloy stent implantation in aortopulmonary collateral of a two-month-old
girl with pulmonary atresia and hypoplastic pulmonary arteries (McMahon
et al., 2007). At the beginning there was a significant increase in vessel
diameter, but four months after stent placement, a significant restenosis
occurred. This study stresses once again the need for further refinements in
the Mg alloy stent technology, which yields a very promising potential for
the intervention in children previously deemed unsuitable for permanent
stent placement.

16.4 Lessons from the first ten years of investigation
in degradable metallic biomaterials

16.4.1 ldeal degradable metallic biomaterials
Biodegradable stents should possess at least two main characteristics:

e Good mechanical properties: The mechanical properties of SS316L,
which has been considered as a gold standard material for stents, can be
used as a reference for developing new biodegradable stent materials.
Figure 16.6 illustrates the relative mechanical properties of metals
proposed for biodegradable stents to the minimum requirement for ASTM
F138 (SS316L). It is shown that Mg alloys have the lowest value for
both strength and ductility compared to Fe-based alloys. Ideally, the
mechanical properties of metals for biodegradable stents should pass
the minimum value of SS316L. This will ensure that developed stents
display the excellent performance shown by SS316L stents.

e Controlled degradation process: It is expected that a complete degradation
will occur after the vessel remodelling process has taken place. In
addition, during the degradation process, the stent material should not
release substances causing toxic effects. The ideal compromise between
degradation and mechanical integrity during in vivo implantation of a
biodegradable stent is illustrated in Fig. 16.7. It begins with a very slow
degradation rate to keep the optimal mechanical integrity during arterial
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16.6 Mechanical properties of proposed biodegradable metals
compared to stainless steel 316L (ASTM, 2003). A = extruded WE43
magnesium alloy (ASTM, 2007), B = extruded Mg-1Ca magnesium
alloy (Li et al., 2008), C = annealed Fe, D = mechanically alloyed
Fe-35Mn alloy (Hermawan et al., 2008).

vessel remodelling. This can be achieved, for example, by coating the
stent with a degradable polymer. Thereafter, the degradation progresses
while the mechanical integrity decreases. The degradation ideally occurs
at a sufficient rate that will not cause an intolerable accumulation of
degradation product around the implantation site. Figure 16.7 also shows
that the Mg alloy stent degrades completely before the remodelling
period; conversely, polymeric stents continue their presence thereafter.
The degradation of Fe stents, which completes after the remodelling
period but is not as long as that of polymeric stents, could be considered
as approaching the ideal degradation time.

Besides degradation rate, the degradation mechanism is also of importance
where a uniform corrosion is expected. Ideally, degradation of the stents begins
from the surface to the bulk, in order to maintain their mechanical integrity.
Localised corrosion such as pitting should be avoided since this could lead
to the stent cracking or fragmenting, leading to blood vessel injuries.

16.4.2 Strategies to develop the ideal degradable metallic
biomaterials

The ideal features of degradable stents can be approached by implementing
the following strategies:
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16.7 lllustration of an ideal compromise between degradation and
mechanical integrity of a biodegradable stent. Times for complete in
vivo degradation of current biodegradable stents are mapped at the
bottom.

e Developing new classes of metallic alloys with new chemical compositions:
This strategy could introduce a broad range of new alloy compositions;
however, this is limited by toxicological considerations in choosing the
different elements. There are two elements having the highest toxicity
limit in the human body, which can be used as the base metal, namely
Fe and Mg (Emsley, 1998). Then, only a few elements can be tolerated
in the human body and can be used as alloying elements, including
Ca, Zn, Mn and a very small amount of RE elements (Song, 2007).
Accordingly, new alloys have been proposed recently, including Fe—-Mn
alloys (Hermawan et al., 2008), Mg—Ca alloys (Li et al., 2008, Kannan
and Raman, 2008b) and Mg—Zn/Mn alloys (Song, 2007). In general,
those newly developed alloys show improved features in both mechanical
properties and degradation behaviour, but are not yet tested in vivo.
Finally, it has to be emphasised that degradable metals might also be
coated with degradable polymers, as appropriate strategies to target the
starting time of the degradation process of the metal. Furthermore, the
polymeric coatings can eventually be charged with drugs providing
specific targeting effects.

e Improving properties through non-conventional processing techniques:
Traditionally, alloys are made through melting processes. The major
drawbacks of these are compositional segregation and non-uniform
grain structure, leading to inferior mechanical properties and degradation
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behaviour. Two non-conventional processing techniques can be used to
produce new alloys: powder metallurgy and electrodeposition. Powder
metallurgy was used to develop Fe-Mn alloys, resulting in faster
degradation rates than pure Fe. The presence of porosity in the alloy
contributes to this acceleration, but without sacrificing the mechanical
properties (Hermawan et al., 2008). The electrodeposition method
offers an advantage in producing metals with high purity. This purity
eliminates the problem of impurities as is the case with cast Mg alloys;
these lead to faster and localised degradation. Finally, heat treatments,
thermo-mechanical processes and surface modifications constitute more
conventional (and industrially adopted) processes applicable to target
the mechanical properties and degradation behaviour of degradable
metals.

16.4.3 Summary

The last ten years have witnessed the rapid evolution of a new class
of biomaterials: the degradable metallic biomaterials. Their specificity
consists in providing a structural mechanical support for a limited time
after implantation, and then disappearing within a reasonable time by being
adsorbed or resorbed by physiological metabolic reactions. The strength of
the mechanical support and the time required to disappear are strongly linked
to the site of implantation. For example, orthopaedic applications are rather
different from cardiovascular applications.

A number of fundamental questions have been raised by the introduction
of these degradable metals, including:

The mechanisms of degradation and of adsorption/resorption.

e The physiological pathways by which the degradation products will be
stored or expelled by the body.

e The effects of the implantation on the metabolic organs initially, and
the rest of the body after; and these at short, medium and long terms,
for example weeks to months, months to years and years to decades.

All the above questions should be answered before proceeding with
clinical trials. Despite the fact that the industrial and marketing potentials
are extremely high, the intrinsic risks of these degradable metals are also
dramatically important. Specific standards and regulatory approaches have to
be introduced, in particular by governmental agencies such as the Food and
Drug Administration (FDA). These standards and rules have to be oriented in
order to protect the patients, health and welfare while encouraging industrialists
and researchers to dare to develop a new class of biomaterials. A truly ethical
approach is required, although this is not easy to implement and assess. In
this context, the approach tends to be the following: all the in vitro and in
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vivo experiments that can be imagined and that show reasonable chances to
open new horizons should be pursued and be welcomed. However, extreme
prudence and pro-active criticism must be used prior to any clinical application.
At the present time, human implantations are not realistic, mainly because
too little is known concerning the above described critical questions.

The introduction of degradable metals is going to break the paradigm
established with the first metallic biomaterials introduced more than fifty
years ago — the paradigm in which metallic biomaterials must be ‘corrosion-
resistant’ which is written in scholarly textbooks and described in a number
of scientific papers. Although fifty years ago it was unbelievable to imagine
that a metal could be expected to degrade in the body, today this is a reality.
The evolution of the field fully justifies the pioneering approach required to
further develop degradable metallic biomaterials.

Even if the list of envisaged medical applications of degradable metals
seemingly is limited at the moment, this work hopefully has shown their
obvious potential in the medical field. In the coming years, a true revolution
will occur in some medical specialties. Revolutionary advancements towards
paediatric surgery have already injected new challenges. The history of
biomaterials shows that new and extremely bright horizons have been
opened when clinicians, scientists, and industrialists start to interact together
to master the complexity of the interfacial field of biomaterials through a
truly multidisciplinary approach. As a partial result, numerous applications
have been raised, but many more can be envisaged. Degradable metals are
expected to provide a new insight in the biomaterials field for a number of
surgeries, including paediatric, orthopaedic and cardiovascular. Considering
their revolutionary potential, these materials will represent a stimulus for
developing new devices which were not possible before, and will be focused
to break some scientific barriers and accomplish technological challenges.

Very recently, some attempts have been reported in the literature to implant
degradable metals in new-born babies and in clinical studies in humans as
well. This is absolutely premature, and is not visionary at all: we invite
industrialists to be prudent in the future. The history of biomaterials already
reported catastrophic and irreversible effects following the implantation of
biomaterials issuing from immature technologies. Industrial applications
have risen too fast without allowing scientists to fully develop the science
behind the technology, including understanding mechanisms and assessing the
effects. Today, a more rational and less emotional approach must be adopted.
Understanding should be privileged and misunderstanding must be avoided
to ethically gain the full confidence of the potential patients that we all are.

Applications must respond to the specific social requirements of our age:
the medical surgical services must be adapted to a progressively ageing
population at the lowest cost. The safety question of degradable metals
placed in the body requires particular attention, and all implants must have
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the required qualities of biocompatibility, biofunctionality, and biodurability
over short, medium and long terms.
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SUS 304 small cracks in air and in
3% NaCl solution, 144
test, 1634
Ti—6Al-7Nb crack initiation site,
143
Ti—6Al-4V crack propagation
resistance, 148
fretting fatigue strength in air and in
vivo, 147-9
cycles to failure, 150
Ti—6Al-4V relationship between
cycles to failure and constant
pressure, 149
TNTZ S—-N curves, 150
metallic biomaterials, 122-53
fatigue strength, 12341
wire fatigue strength, 150-3
relationship between number of
rotations of electrode materials
to failure, 151
Ti—29Nb-13Ta—4.6Zr tensile
loading-unloading stress-strain
curves, 152
TNTZ, pure Ti, Ti—Ni, and
SUS316L stainless steel wires
S—-N curves, 152
fatigue strength, 12341
elongation at fracture, 125
improvement, 134-41
(0u+B)—type Ti alloys comparison
of high cycle fatigue strength,
140

Index 409

(oe+B)—type Ti alloys tensile
strength and fatigue strengths,
140
ageing, 136-7
heat treatment, 134-6
thermochemical processing of (0.+
B)-type Ti alloys, 139
thermochemical treatment, 13941
thermomechanical treatment, 137
Ti—6Al-7Nb and Ti—-6A1-4V ELI
S—N curves with heat treatment,
136
Ti—-6Al-4V S—N curves with
annealing, ST and water
quenching, 139
TNTZ samples S—N curves from
fatigue tests in air, 137
unstable phase, 137-8
in vitro and in vivo, 126-9
cobalt-chromium-molybdenum
alloy fatigue lives comparison,
127
Co—Cr alloy S—N curves in air and
in PBS, 128
Ti-5A1-2.5Fe S—N curves, 127
Ti—6Al-4V ELI and SUS 316L S-N
curves, 126
level of various metallic biomaterials,
123-6
metallic biomaterials fatigue life, 124
notch, 129-31
stress concentration factor and notch
factor relationships, 130
stress concentration factor and notch
sensitivity factor relationships,
131
TNTZ S—N curves from notch-
fatigue tests, 130
TNTZ S—N curves from plain
fatigue tests, 129
surface modification, 131-4
bioactive surface modification,
1334
glass-ceramic coated TNTZ fatigue
fracture surface general view,
134
surface hardening treatment, 131-2
SUS 316L stainless steel S—-N
curves, 135
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Ti—6Al-7Nb and Ti—-6Al1-4V ELI
S—N curves, 135

galvanic corrosion, 108, 169
gamma radiation, 307, 309-12
TNTZ and Ti 64 in solution general corrosion, 106
treatment and nitriding process, glutaraldehyde, 319
132 gold alloys, 6
Young’s modulus of metallic dental casting
biomaterials, 125 composition ranges, 21
FDA dosimetric release, 309 properties, 20
Fe—(19-23)Cr—(21-24)Mn—(0.5-1.5) representative composition for
Mo—(0.85-1.1)N, 12 porcelain-fused-to-metal, 21
Fe—(15-18)Cr—10-12)Mn—(3-6)Mo0-0.9N, Good Laboratory Practice regulation, 51
12 grain refining hardening, 87
Fe—13Cr-1Fe-3Al grain ripening, 91
B-type, 366 gravimetric analysis, 114
Fe—-18Cr-18Mn-2Mo-0.9N, 12
field emission guns SEM, 194
flame spray technique, 254
flash sterilisation, 314
forging

Hank’s solution, 210, 2634
chemical composition, 263

Harlan SERA-LAB, 185

high density polyethylene, 340

crystal structure in unit cell of common
implant materials, 240
die materials and design, 2467
fundamentals and process, 236-9
cold and hot forging, 236-8
hot die and isothermal forging,
237-8

open- and closed-die forging, 238-9

warm forging, 238
metals and alloys for biomedical
applications, 235-48, 241-6
Co—Cr alloys, 243-5
shape memory alloys, 245-6
stainless steel, 245
titanium alloys, 241-3
micro structural development and its
consequences on properties,
240-1
open- and closed-die forging processes
schematic illustration, 239
powder metallurgy, 247-8
properties for forgeability, 239-40
formaldehyde, 319
free corrosion potential, 186
fretting, 108, 164
fretting-corrosion, 185
fretting fatigue, 123, 164, 166
test, 169
friction coefficient, 182
friction stress, 165

hip arthroplasty, 331
Hook’s law, 160
hot die forging, 237-8
hot forging
advantages, 236
disadvantages, 236
hot isostatic pressing, 92, 359
hydride precipitation, 369
hydrogen treatment, 369-70
hydroxyapatite, 208, 213, 218, 253, 336,
Xvi

immersion test, 114—15, 388
specialised, 389

impedance test, 112

inductively coupled plasma atomic
emission spectroscopy, 49,
2667

intergranular corrosion, 107

invert glasses, 268

ion nitriding, 242

ion plating, 256

iron, 241, 3834, 385, 397

ISO 5832, 42

ISO 10271, 114

ISO 10993, 257, 316

ISO 11134, 306, 322

ISO 11135, 306, 322

ISO 11137, 306, 322

ISO 11137:2006, 322
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ISO 11138, 322

ISO 11140, 322

ISO 16428, 40, 52, 116, 119
ISO 16429, 40, 41, 114

ISO 1099-75, 271

ISO 5832-1, 26

ISO 5832-9, 26

ISO 10993-5:1999, 391
ISO/ASTM 51608:2002, 313
ISO/TC 198, 322

ISO/TR 10271, 115
isomorphous stabiliser, 241-2
isothermal forging, 237-8, 247

JIS 316L stainless steel, 171
JIS T 0302, 37, 62

JIS T 0304, 40, 62, 114

JIS T 0306, 115

JIS T 6002, 114, 115

JIS T 4701-3, 334

JIS T 7401-4, 31

Jost Report, 178

Kokubo’s simulated body fluid, 210
KSY12-16 programme controlling furnace,
218
K,(TigOy7), 225
crystal structure, 229
fabrication and biocompatiblity, 227
nano-TiO2 layer synthesised by
anode oxidation on Ti matrix,
224
preparation by in situ
electrochemical technique,
225-7
SBF cultivation, 227-30
SEM micrographs, 227
surface coating dipped in SBF, 228

316L stainless steel, 171, 235
S—N curves in air and in PBS(-), 171
S—N curves under various types of
environment, 176
lambda ratio, 183
laser ionisation mass spectroscopy, 198
lattice points, 72, 74
lattice spacing, 79
real, 79
reciprocal, 79

Index 411
layer-by-layer method
molecular integration, 291-2
surface modification based on covalent
bonding, 2924
Leeds hip simulators, 191
linear polarisation resistance method, 111
linear sweep voltammetry, 109
local cell, 100
local corrosion, 106-8
local current, 100
low-temperature hydrogen peroxide gas
plasma sterilisation, 316-18
lubricant, 1834
lubrication, 183—4

magnesium, 382, 384, 385, 397
magnesium alloys, 21-2, 371-2
manganese, 359
martensitic transformation, 76, 369
deformation-induced, 138
stress or strain-induced, 137-8
mass spectroscopy, 198
maximum resolved shear stress plane, 83
metal-on-metal total hip replacements, 189
metallic biomaterials, xv—xvii
alternative sterilisation methods,
316-19
low-temperature hydrogen peroxide
gas plasma, 316-18
other techniques, 319
ozone sterilisation, 318—19
STERRAD 100S steriliser process
diagram, 317
bioactive surface prepared by chemical
treatments, 2728
concentrated alkaline solution
surface modification, 275-6
dilute alkaline solution surface
modification, 276-8
hydrogen peroxide surface
modification, 272-5
biocompatibility and fabrication
bioceramic coating/titanium alloy
biocomposites, 202-30
synthesised bioceramic coatings on
Ti alloys, 211-30
titanium and its alloys, 2034,
204-11
cleaning, 321
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coatings, 260-79
calcium phosphate ceramic
coatings, 261-7
calcium phosphate glass-ceramic
coatings, 267-72
concepts and definitions, 304-7
bacterial spores deactivation curve,
305
sterilisation efficiency, 304
sterilisation safety, 307
sterilisation validation, 305-6
sterilisation vs disinfection, 3045
corrosion, 99-119
biological environments, 115-19
evaluation methods of behaviour,
108-15
importance, 99—100
morphology, 105-8
principles, 100-5
corrosion fatigue and fretting corrosion
fatigue tests, 166-9
contact pressure effect on fretting
fatigue life in air for Ti—-6A1-4V
alloy, 168
fretting damage on contact area, 169
influence of frequency of cycles to
failure in fatigue tests, 170
PBS(-) fretting fatigue test
schematic diagram, 167
development based on biological bone
tissues, 93—-6
anisotropic nature of bone
microstructure, 93
BAp crystallite c-axis orientation
degree, 95
bone structure, 93
improvement of mechanical
functions, 94-6
effect of corrosion on fatigue and
fretting fatigue, 166
fatigue and fretting fatigue, 161-6
crack growth rate as function of
stress intensity factor range, 164
S—N curves for fatigue, fretting
fatigue and fretting corrosion
fatigue, 163
fatigue and fretting fatigue tests results,
1704
Co—Cr—Mo alloy, 1734

316L stainless steel, 171
pure titanium for industrial use,
172-3
Ti—6A1-4V alloy, 171
fatigue failure, 122-53
fatigue crack propagation, 141-7
fatigue strength, 123-41
fretting fatigue strength in air and in
vivo, 147-9
wire fatigue strength, 150-3
fatigue of metallic materials, 1614
fatigue crack initiation, 162
stress change with time, 161
striation on SUS316L stainless steel
fracture surface, 165
fretting fatigue of metallic materials,
164-6
crack growth rate and crack length,
165
groupings, Xvi
living body environment, 159-60
mechanical functions in vivo
requirements, 72—85
atom movements within crystals, 78
atomic arrangement stylised
diagram, 83
bone-related implants, 73
classical stress—strain curve of
B-type Ti alloy single crystal, 77
crystal structure slip deformation,
78-80
crystalline metallic biomaterials
deformation, 76-8
crystals and crystals structure, 72—-6
dislocation after deformation, 82
dislocation motion in crystals, 80-5
relative displacement of atoms, 81
slip traces after deformation, 84
trace on specimen plane after
deformation, 85
typical crystal structures, 75
typical slip systems, 79
unit cells and crystal systems, 74
mechanical properties, 71-96
deformation and recovery,
recrystallisation, and grain
ripening, 91
microstructure and related
mechanical properties, 91-2

© Woodhead Publishing Limited, 2010



mechanical testing, 157-76
metal implants fracture and test
methods, 157-9
fractured bone plate, 158
fractured stem, 158
methods for strengthening, 85-7
composite strengthening, 86—7
grain refining hardening, 87
particle dispersion hardening, 86
precipitation hardening, 86
solution hardening, 86
work hardening, 85-6
new challenges for sterilisation, 319-21
antimicrobial coatings, 321
endotoxins, 320—1
prions, 319-20
new fatigue tests, 175-6
cell culture system, 176
S—N curves under various types of
environment, 176
new generation, 355-74, 373
biomaterial usage in orthopaedics in
Japan, 356
future trends, 3724
newer alloys, 361-6
B-type titanium alloys mechanical
properties, 364
cobalt-chromium alloys, 3614
elastic moduli orientation
dependence, 365
nickel-free stainless steels for
biomedical applications, 362
stainless steels, 361
titanium and its alloys, 364—6
novel processing technologies, 366—71
crystal-grain refinement, 369-71
porous metallic biomaterials, 3669
proof strength in three-point
bending tests, 367
rapid grain growth, 371
Ti—6A1-4V alloy blocks, 368
orthopaedic applications, 329-51
bone fractures implants, 347-9
failure of implants, 349-51
miscellaneous joint replacement,
345-6
total hip replacement, 331-41
total knee replacement, 341-5
other biomaterials, 371-2

Index 413

bulk metallic glasses, 372
magnesium alloys, 371-2
phase rule and phase diagram, 87-90
binary phase diagrams, 88
principal sterilisation methods,
advantages and limitations,
307-16
ethylene oxide gas sterilisation,
315-16
ethylene oxide molecule, 315
industrial gamma sterilisation
irradiator, 310
moist and dry heat sterilisation,
313-15
parameters, advantages and limits,
308
radiation sterilisation, 307—-13
relative stability of medical polymer
families, 311
sterilisation process overview, 307
sterilisation and cleaning, 303-23
standards, 322
surface treatment, 251-8
future developments and
optimisations, 257-8
interface modulation and
biocompatibility, 257
materials used in implants or other
medical products in contact with
human tissues, 253
physical modifications, 254—6
strength of modifications, 256
surface structuring, 252-3
tensile strength, 160
relation with fatigue strength/
fretting fatigue strength, 174
stress—strain curve, 160
traditional biomaterials overview
chemical composition, 357
cobalt-chromium alloys, 359-60
stainless steels, 358-9
stainless steels tensile strength and
elongation, 358
titanium and its alloys, 360
tribology and tribo-corrosion testing
and analysis, 178-99
future trends, 198-9
general testing methods, 179-84
surface analysis, 192-8
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tribo-corrosion testing, 184-92
tribology-related testing, 178-9

metal-organic chemical vapour deposition,

263

metals and applications

Co—Cr-based alloys, 12-13
Ni-free alloys, 13
properties, 12—13
general properties required in medical
devices, 4-6
biological environment, 4-5
comparison of metal properties for
implants, 8
materials category and chemical
bonding, 5
medicine and dentistry, 5-6
metallic biomaterials in periodic
table, 8
metallic materials biological
environment, 4
metals used, 7
other metals, 21-2
amorphous alloys, 22
magnesium alloys, 21-2
permanent magnetic materials, 22
tantalum, 21
overview, 3-22
noble metals and alloys, 201
shape memory and superelastic alloys
Ni-Ti alloy transformation and
shape memory mechanism, 19

phosphorylcholine, 283
chemical structure, 285
mutilayered hydrogel preparation,
292
typical for surface modification, 286
IR spectra of surface during polymer
integration, 294
platelets adhesion, 286
polymer assembly on Ti alloy, 291-8
biological aspect, 2967
functionalisation as drug reservoir,
297-8
layer-by-layer molecular
integration, 291-2
surface characterisations, 294—6
surface modification based on
covalent bonding, 2924
surface density during molecular
integration, 295
surface grafting on titanium alloy,
288-91
grafting of phospholipid polymer,
288-90
N/Ti ratio based on albumin
adsorption, 291
P/Ti ratio based on poly(MPC)
surface density, 290
protein adsorption on graft surface,
290-1
reaction scheme, 289
surface modification process, 293

stainless steels, 8—12
composition, 10
definition and category, 8-9
design concept, 9
mechanical properties, 10
nickel-free austenitic, 11-12
type 316L, 10-11
titanium-based alloys, 13—-18
B-type mechanical properties, 18
changes in tensile strength,

Miller-Bravais indices, 79

Miller indices, 79

mixed lubrication regime, 184

mixed potential, 103

molybdenum, 10, 359

MPC see 2-methacryloyloxyethyl
phosphorylcholine

N-absorption treatment, 361
nano-TiO,

hardness, and elongation, 16
composition and mechanical
properties, 15
properties, 14-16
specificated titanium alloys, 17
thermodynamical activity, 14
Ti alloys, 16-18

2-methacryloyloxyethyl

EDS element analysis, 216

fabrication and biocompatibility as
biomedical materials, 213—-17

surface morphology after immersion in
SBF, 216

synthesised particles HREM and SEM
micrographs, 214

XRD pattern, 215
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Nernst equation, 102
neutral elements, 90
nickel, 11, 358-9
Ni-Ti alloy
critical current density for passivation
changes, 41
metal ion release
effect of pH on quantities of Ni and
Ti, 45
Nitinol, 204, 209, 246
nitrogen, 11, 359
noble metal alloys, 100
non-diffusion transformation, 76
Nyquist plot, 113

open-circuit potential see corrosion
potential
open die forging, 239-40
Orowan loop, 86
orthopaedic applications
bone fractures implants, 347-9
compression hip nail and hip screw,
347-8
hip screw and hip nail compression,
347
hip screw with cam-sliding
mechanism, 348
materials, 347
plate and screw, 348-9
plate and screw for fractures, 349
failure of implants, 349-51
causes of fracture, 350
intramedullary tube fracture, 350
metallic biomaterials, 329-51
development, 330
miscellaneous joint replacement, 345-6
artificial joints examples, 346
diarthrodial joints, 346
total hip replacement, 331-41
alkali- and heat-treated titanium
bioactivity, 338
artificial hip joint with metal-on-
metal articulation, 341
biocompatibility comparison, 334
cement fixation, 335-6
cementless fixation surface
treatment, 3368
cementless type artificial hip joint
designs, 335

Index 415
gravimetric wear in hip joint
simulator, 342
joint bearing surface, 33941
load transmission patterns, 336
materials, 331-2
MPC-grafted layer, 341
stem and cup coated with
hydoxyapatite, 337
stem design using V-free titanium
alloys, 3324
surface roughness effect, 339
tensile strength and elongation, 333
total knee replacement, 341-5
artificial knee joint with bisurface
femoral component, 344
artificial total knee joint structure,
342
femoral component new design, 345
joint bearing surface, 343
knee joint with a large flexion angle
design, 343-5
materials, 341-2
various implants, 330
osseointegration, 207, 360
osteoblast cell L929 culture environment,
176
overcharge sterilisation, 306
overpotential, 187
oxide films, 355-6
ozone, 318-19
ozone sterilisation, 318-19

paclitaxel, 297

passive film, 37-9

passive metal and alloys, 104

PBS see phosphate buffered saline

peracetic acid, 319

permanent magnetic alloys, 22

Phase Shifting Interference, 197

phenylboronic acid, 292, 294

PHI 4300 X-ray photoelectron spectrum,
219

Philips Tecnai-F20 HREM, 214

Philips Tecnai-F20 TEM, 224

Philips XL30 TMP SEM, 214, 219, 224

Philips X’ pert TMD X-ray diffraction,
219

phosphate buffered saline, 210, 263

phosphatidylcholine, 284
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phospholipid polymers
biocompatible polymer assembly on
metal surface, 283-300
future trends, 298-9
MPC assembly on titanium alloy,
291-8
polymer surface grafting, 288-91
providing biocompatible surfaces on
metals, 2847
artificial cell membrane structure
construction, 284-5
biocompatibility and
antithrombogeniciity, 286—7
molecular design, 285-6
performance on medical devices,
287
surface modification methods, 284
phosphorylcholine, 284
physical vapour deposition, 253, 254-6,
258, 262-3
surface semiconducting modification,
255
technique summary, 256
pitting corrosion, 107
pitting resistance equivalent, 42
plasma-enhanced-chemical-vapour-
deposition, 254
plasma spray hydroxyapatite coating, 218
plasma-sprayed coatings, 261-2
plastic deformation, 76, 77, 78, 79
plasticity, 239, 242
platinum, 100
polarisation resistance, 111, 112
polymer irradiation, 311-12
potassium titanate, 211-13
potentiodynamic polarisation test, 388-9
Pourbaix diagram, 103
Pourbaix E-pH diagrams, 189
powder forging technology, 248
powder metallurgy, 86
forging, 247-8
precipitation hardening, 86
prion, 319-20
PROGRESS-AMS, 394
protein removal, 321
pure titanium, 329

radiation sterilisation, 307-9
electron-beam, x-ray and ultraviolet

light radiation, 312—13
gamma radiation, 309-12

radio-frequency thermal plasma spraying
method, 261-2

radiofrequency magnetron sputtering, 262

recrystallisation, 91

redox reaction, 101-2

Rigaku XRD, 224

root-forming analogues, 206

SBF see simulated body fluid
scanning electron microscopy, 33, 193—4
wear scar on Co—Cr-Mo alloy and nano
metallic particle, 194
Schaeffler’s phase diagram, 11
secondary ion mass spectroscopy, 198
typical spectra, 199
Security Assurance Level, 304
self-assembled monolayers, 288
SEM see scanning electron microscopy
shape memory alloys, forging, 245-6
shape memory phenomenon, 204
shot-peening treatment, 174
silane chemistry, 283—4
silver, 251
silver alloys, 6
simulated body fluid, 212, 264
cultivation, 227
ion concentrations, 264
ion consistency, 216
slow strain rate test, 389
SPARK FWT1 electric spark line incising
machine, 218
Spaulding Classification, 304-5
sputtered neural mass spectroscopy, 198
SS316L, 385, 395
stainless steel, 8—12, 25, 26, 100, 104, 123,
329, 358-9, 361
austenitic, 8, 358
nickel-free, 11
composition, 10
definition and category, 8-9
design concept, 9
effect of pH on metal element
quantities release, 43
forging, 245
high-nitrogen, 28
mechanical properties, 10
nickel-free, 361
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properties of various stainless steel
used in implants, 246
SUS 316L, 28
type 304, 9
type 444-grade, 22
type 316 L, 359
type 447J1-grade, 22
type 316L, 10-11
wrought, 359
standard electrode potential, 102
steam sterilisation, 313-14
stents, 381-2
sterilisation
dry heat, 314-15
efficiency, 304
ethylene oxide gas, 315-16
flash, 314
metallic biomaterials, 303-23
alternative methods, 31619
cleaning, 321
concepts and definitions, 3047
new challenges, 319-21
principal methods, advantages and
limitations, 307
standards, 322
overcharge, 306
radiation, 307-9
safety, 307
steam, 313-14
validation, 305-6
Steris, 319
Stern-Geary equation, 111
Sterrad, 316
Stibeck curve, 183
stress intensity factor, 163
subperiosteal implants, 206
surface oxide film see passive film
SUS 304, 91
SUS 316L stainless steel, 75, 76, 86, 90,
91,175, 176
corrosion resistance, 188
fatigue crack propagation rates, 144
S—N curves
air and Ringer’s solution, 126
annealed or alumina-sprayed, 135
System 1 Sterile Processing System, 319

Tafel equation, 111
extrapolation method, 110-11

Index 417

tantalum, 21
tarnish test, 115
TCP see thermochemical processing
Teflon, 209
TEM see transmission electron microscopy
theoretical strength, 80
thermochemical processing, 139
thin film coatings, 262—4
three-electrode cell, 186
Ti—5Al1-2.5Fe alloys
fatigue crack propagation rate and
nominal cyclic stress intensity
factor, 146
S—N curves, 127
Ti—6A1-7Nb alloys, 17, 126, 134, 135, 333
crack initiation site, 143
S—N curves
equiaxed or and Widmanstatten o
structures, 135
heat treatment, 136
tension-to-tension fatigue test, 54
surface crack lengths, 142
Ti—-6Al-2Nb—1Ta alloys
S—N curves from tension-to-tension
fatigue test, 54
Ti—6Al-2Nb-1Ta-0.8Mo alloys, 333, 334,
336-7
Ti—6A1-4V alloys, 31, 126, 138, 168, 171,
174,242, 332, 333, 360
o+ type, 360
critical current density for passivation
changes, 40
metal ion release
effect of pH on metal element
quantities, 46
optical micrographs, SEM and TEM
images, 35
pullout strengths after rabbit
implantation, 49
S—N curves
air and in PBS(-), 172
tension-to-tension fatigue test, 54
vs Ti—-15Mo—5Zr-3Al tensile strength
and elongation, 333
vs vanadium-free titanium alloy
biocompatibility, 334
Ti-6A1-4V ELI, 17, 123, 132
crack initiation site and propagation
path, 142
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fatigue crack propagation rate and
nominal cyclic stress intensity
factor, 145
S—N curves
air and Ringer’s solution, 126
heat treatment, 136
uniaxial fatigue tests, 128
surface crack lengths, 142
Ti—1Fe—0.350-0.01N alloys, 366
Ti—15Mo—-5Zr-3Al alloys, 333, 335
optical micrographs, SEM and TEM
images, 35
tensile strength and elongation
vs Ti-6Al-4V, 333
Ti—12Mo—-6Zr—2Fe alloys, 333
Ti—29Nb-13Ta—4.6Zr alloys, 123, 129,
260, 268
elastic moduli orientation dependence,
365
low-modulus TNTZ fatigue strength,
138
S—N curves
fatigue tests in air, 136
notch-fatigue tests, 130
plain fatigue and fretting fatigue
tests, 150
plain fatigue tests, 129
solutionised, glass-ceramic coated
and glass-ceramic coated
followed by ageing TNTZ, 133
tensile loading-unloading stress-strain
curves, 152
Ti—Ni alloys, 18, 20
transformation and shape memory
effect mechanism, 19
titanium, 14, 29, 332, 337-8, 364-6
see also titanium alloys
biocompatibility and fabrication, 203—4
biomedical applications and
development, 204— 11
artificial hip joint, 206
cardiac and cardiovascular
applications, 209-11
hard tissue replacements, 2058
hard tissues in human body, 205
screw-shaped artificial tooth, 207
stents commonly used in
cardiovascular disease treatment,
209

commercially pure, 15
before and after hydrothermal
treatments with dilute aq. NaOH,
277
compositions and mechanical
properties, 15
CP Ti S—N curves in air and in PBS(-),
172
EDX spectra of sample dipped in SBF,
229
mouse osteoblast-like cells harvested
from cpTi, Ti—120 and Ti-240,
278
porous, 367
pure, 15
industrial use, 172-3
surface micro-porous, 217-23
formation mechanism, 221
peeling layer microstructures and
element linear distribution
diagram, 221
titania layer after conventional
physical delaminating, 219
various morphologies, 220
XPS and XRD analysis of peeling
layer with black powders, 222
Ti properties and its alloys used in
implants, 244
unalloyed titanium physical properties,
203
titanium alloys, 26, 29, 30, 87, 100, 104,
123, 364-6
see also specific alloy
(o+B)-type
high cycle fatigue strength vs TCP,
140
tensile strength and fatigue strengths
with TCP, 140
B type, 260, 364-5
biocompatibility and fabrication, 203—4
biomedical applications and
development, 204— 11
forging, 241-3
hot and isothermal forging schematic
structure, 243
in situ synthesised bioceramic coatings,
211-30
nano-K2(TizO7)/TiO, bio-ceramic
composite coating, 223-30
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nano-TiO,/Ti alloys, 213-17 total hip replacement arthroplasty, 332-3
potassium titanate/Ti alloys, 211-13  transmission electron microscopy, 33
surface micro-porous Ti, 217-23 transosteal implants, 206
low cost, 366 tribo-corrosion, 179
mechanical properties, 55 and tribology testing and analysis,
MPC polymer surface grafting, 288-91 178-99
N/Ti ratio based on albumin adsorption, bench tests, 185-9
291 anodic polarisation scans, 187
nickel free, 360 cathodic protection, 188-9
P/Ti ratio based on poly(MPC) surface corrosion-related damage
density, 290 quantification, 189
paclitaxel release pattern from free corrosion potential
multilayered hydrogel, 298 measurement, 186
phospholipid polymer layer biological integrated three-electrode cell
aspect, 2967 schematic representation, 186
platelet adhesion, 286, 296 linear polarisation resistance tests,
shape memory effect and 187-8
superelasticity, 365-6 definition, 184-5
surface AFM images after poly(MPC) future trends, 198-9
grafting, 289 simulator studies, 189-92
titanium dioxide clinical wear rate for total hip
electrical double layer at the anode/ replacements, 190
electrolyte interface, 226 hip joint force during one cycle of
post-treatment TEM micrograph and walking, 191
diffraction pattern, 225 hip simulator schematic diagram,
TEM micrograph and diffraction 192
pattern, 225 load profile applied in hip
XRD pattern after electrochemical simulators, 192
treatment, 226 volumetric wear for joint simulator
titanium oxide, 264 tests, 190
Ti—15Zr—-4Nb—4Ta alloys, 31, 32, 51, 62 surface analysis, 192-8
critical current density for passivation AFM, 197
changes, 40 lateral vs depth resolution, 193
effects of ageing time and temperature mass spectroscopy, 198
on mechanical properties, 36 SEM, 193-4
heat treatment effect on mechanical white light interferometry, 197
properties, 37 XPS, 194-6
non-decalcified bone optical testing, 184-92
micrographs, 48 tribofilm, 193
optical micrographs, SEM and TEM tribology
images, 34 -related testing, 178-9
pH effect on metal element quantities and tribo-corrosoin testing and analysis,
release, 47 178-99
pullout strengths after rabbit friction coefficient
implantation, 49 as function of bearing number, 183
S—N curves from tension-to-tension typical coefficients for various
fatigue test, 53 materials, 182
TNTZ see Ti—29Nb-13Ta—4.6Zr alloys future trends
total hip replacement, 33141 coatings, 199
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in situ, on line wear testing, 198-9
micro- and nano-tribology, 199
modelling, 199
specific wear testing, 199
general testing methods for tirbological
properties, 179-84
configuration of different test rigs,
181
friction, 181-3
friction coefficient as function of
bearing number, 183
lubrication and lubricant, 183—4
quality profile of bovine serum, 185
types of wear, 179-80
wear testing selection, 180-1
surface analysis, 192-8
AFM, 197
mass spectroscopy, 198
SEM, 1934
white light interferometry, 197
XPS, 194-6
types of wear mechanisms, 180
triphenyl phosphate, 263

ultimate tensile strength, 160

ultra high molecular weight polyethylene,
332, 339-40, 342, 343, 344

ultraviolet light radiation, 313

vacuum-plasma-spray, 254
vascular brachytherapy, 393
vaterite, 265-6
vinyldimethysilane, 288
Vitallium, 12, 359
Vitarium, 92

warm forging, 236, 238

wear factor, 191

wear test, 182

white light interferometry, 197
work hardening, 85-6

X-ray photoelectron spectroscopy, 38,
194-6, 288, 295
schematic representation, 195
spectra for tribofilm on Co-Cr—Mo
alloy in serum, 196
X-ray sterilisation, 313
XD68S electrolyte analysing system, 214
XPS see X-ray photoelectron spectroscopy

yield stress, 76
Young’s modulus, 13-14, 17, 18, 22, 75,
76,717, 160, 167

zirconium, 29
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