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Preface

Metallic biomaterials are of great importance in the development of implant
devices. They are usually used in load-bearing implants, such as artificial joints
(for instance, a hip joint), spinal fixation devices, nails, bone plates and screws, and
dental implants, which are designed for reconstruction of failed hard tissue. Metal-
lic biomaterials may be employed not just as a replacement for failed hard tissue but
also in the reconstruction of soft tissues such as blood vessels. Some of the
representative metallic biomaterials include stainless steels, Co—Cr alloys, and
titanium and its alloys. Other examples of metallic biomaterials are magnesium-
based alloys, tantalum-based alloys, niobium-based alloys, and precious alloys such
as gold-based alloys and silver-based alloys containing a large amount of platinum
and gold. Metallic biomaterials are also employed in the fabrication of dental
prostheses including crowns, dentures, inlays, and bridges.

The research and developments in metallic biomaterials are energetically being
carried out, and significant new results have been achieved or currently are being
achieved. According to the developments in metallic biomaterials, the latest
advances in the construction of implant devices using metallic biomaterials are
remarkable.

Understanding the properties of biological tissues and organs is important for the
development of bio-functional metallic biomaterials, and understanding their fun-
damental behavior is also important. The ways in which biomaterials react with the
body should also be well understood for further development of metallic biomate-
rials that are safe to use within the human body.

Even the safest metallic biomaterials exhibit no bio-functionality. Therefore,
bioactive or bio-functional surface modifications must be performed on metallic
biomaterials in order to achieve the required biological properties, for example,
bone conductivity or blood compatibility.

A review of the latest advances and current fundamental knowledge concerning
tissues, materials, biological reactions, and the processing and applications of
metallic biomaterials is given in two volumes of books entitled Advances in
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Metallic Biomaterials: Tissues, Materials, and Biological Reactions and Advances
in Metallic Biomaterials: Processing and Applications.

The volume Advances in Metallic Biomaterials: Tissues, Materials, and Biolog-
ical Reactions has the following structure: Part I Biological Tissues and Organs,
Part IT Metallic Biomaterials, and Part III Reaction of Metals in Human Body. Part I
consists of five chapters, with each focusing on one of the following: bone tissue
and biomaterials design based on the anisotropic microstructure joint and articular
cartilage, metallurgy of spinal instrumentation, biomechanics of blood vessels, and
tooth and tooth-supporting structures. Part II consists of six chapters, with each
describing one of the following: nickel-free high-nitrogen stainless steel, Co—Cr
alloys as effective metallic biomaterials, titanium alloys for biomedical applica-
tions, zirconium alloys for biomedical applications, porous tantalum for applica-
tions in orthopedic surgery, and niobium-based biomaterials. Part III consists of
three chapters, with each describing one of the following: corrosion of metallic
biomaterials, metal allergy to metallic biomaterials, and cytotoxicity of metallic
biomaterials, respectively.

The volume Advances in Metallic Biomaterials: Processing and Applications
has the following structure: Part I Processing Techniques, Part II Surface Modifi-
cation, and Part III Applications. Part I consists of four chapters, with each focusing
on one of the following techniques: additive manufacturing technology for ortho-
pedic implants, metal injection molding (MIM) processing, smart hot forging
technique in producing biomedical Co-Cr-Mo artificial implants, and
electroforming as a new method for the fabrication of degradable pure iron stent.
Part II consists of five chapters, with each describing one of the following: bioactive
ceramic coatings, bio-functionalization of metals with polymers, adhesive strength
of bioactive surface layer, surface improvement for biocompatibility of biomedical
titanium alloys by dealloying in metallic melt, and functionally graded metallic
biomaterials. Part III consists of three chapters, with each describing one of the
following applications: metallic biomaterials in orthopedic surgery; stents: func-
tions, characteristics, and materials; and dental metallic materials, respectively.

It is our hope that these books will be useful to readers working in a wide variety
of fields that take scientific and practical interests in current and future develop-
ments in metallic biomaterials. Each chapter has been written by an international
expert who works in relevant fields. We wish to express our sincere thanks to the
authors named on a separate page for their excellent contributions. We also wish to
express our thanks to Professor Ming Wang at the Department of Mechanical
Engineering, University of Hong Kong, who is the Series Editor of Springer’s
books series; Springer Series in Biomaterials Science and Engineering for giving
us a chance to edit these books; and Springer Beijing office for their support,
especially to Ms. June Tang and Ms. Heather Feng in publishing these volumes.

Sendai, Japan Mitsuo Niinomi
Sendai, Japan Takayuki Narushima
Sendai, Japan Masaaki Nakai
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Chapter 1
Additive Manufacturing Technology
for Orthopedic Implants

Hidetsugu Fukuda

Abstract The additive manufacturing process is a method in which calculations
pertaining to a thin cross-sectional shape are performed on a computer on the basis
of three-dimensional computer-aided design (CAD) data. Three-dimensionally
shaped objects are then created by stacking layers of the material on the basis of
the calculation results. The additive manufacturing process has allowed for creating
near-net shape three-dimensional structures with complex shapes, porous struc-
tures, and inclined structures, which are impossible to create with conventional
machine work and casting methods; therefore, this process could potentially be a
novel manufacturing method for next-generation orthopedic metallic implants. In
this chapter, the principles and characteristics of the additive manufacturing tech-
nology are described, and the development of an orthopedic implant using the
additive manufacturing technology is presented.

Keywords Additive manufacturing « Selective laser melting ¢ Electron beam
melting « Low modulus ¢ Porous metallic biomaterials

1.1 Introduction

Currently, most orthopedic implants use metallic materials with high mechanical
reliability against damage. They are particularly used in artificial joints sustaining
heavy loads, for trauma devices, and for spinal instrumentation. Table 1.1 shows
metallic materials used in orthopedic surgery as described by the International
Organization for Standardization (ISO) and the American Society for Testing and
Materials (ASTM) [1-18]. Figure 1.1 shows typical products used in artificial hip
joint and knee joint. Representative metallic materials currently used in orthopedic
surgery are stainless steel, Co—Cr alloys, and titanium alloys, and the manufacturing
methods can be classified as casting methods and forging methods.
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Table 1.1 Metallic materials used in orthopedic surgery as described by the ISO and the ASTM

Materials

Standard

Stainless steel

ISO 5832-1, Implants for surgery — Metallic materials — Part 1: Wrought
stainless steel

ISO 5832-9, Implants for surgery — Metallic materials — Part 9: Wrought
high nitrogen stainless steel

ASTM F138, Standard Specification for Wrought 18Chromium—
14Nickel-2.5Molybdenum Stainless Steel Bar and Wire for Surgical
Implants

Co—Cr alloy

ISO 5832—4, Implants for surgery — Metallic materials — Part 4: Cobalt—
chromium-molybdenum casting alloy

1SO 5832-5, Implants for surgery — Metallic materials — Part 5: Wrought
cobalt—chromium—tungsten—nickel alloy

ISO 5832-6, Implants for surgery — Metallic materials — Part 6: Wrought
cobalt—nickel-chromium—molybdenum alloy

ISO 5832-7, Implants for surgery — Metallic materials — Part 7: Forge-
able and cold-formed cobalt—chromium-nickel-molybdenum—iron alloy

1SO 5832-12, Implants for surgery — Metallic materials — Part 12:
Wrought cobalt—chromium—molybdenum alloy

ASTM F75, Standard Specification for Cobalt—28Chromium—6Molyb-
denum Alloy Castings and Casting Alloy for Surgical Implants

ASTM F90, Standard Specification for Wrought Cobalt—20Chromium—
15Tungsten—10Nickel Alloy for Surgical Implant Applications

ASTM F799, Standard Specification for Cobalt—28Chromium—
6Molybdenum Alloy Forgings for Surgical Implants

ASTM F1537, Standard Specification for Wrought Cobalt—28Chro-
mium-6Molybdenum Alloys for Surgical Implants

Titanium and tita-
nium alloy

ISO 5832-2, Implants for surgery — Metallic materials — Part 2: Unal-
loyed titanium

ISO 5832-3, Implants for surgery — Metallic materials — Part 3: Wrought
titanium 6—aluminum 4-vanadium alloy

ASTM F67, Standard Specification for Unalloyed Titanium, for Surgical
Implant Applications

ASTM F136, Standard Specification for Wrought Titanium—6Alumi-
num—4Vanadium ELI (Extra Low Interstitial) Alloy for Surgical Implant
Applications

ASTM F1108, Standard Specification for Titanium—6Aluminum—
4Vanadium Alloy Castings for Surgical Implants

ASTM F1813, Standard Specification for Wrought Titanium—
12Molybdenum—6Zirconium—2Iron Alloy for Surgical Implant

The materials and manufacturing methods used are of critical importance for
orthopedic implants, and they need to be selected appropriately depending on the
shape, cost, and performance required of the orthopedic implants in actual use.

For example, the stem of a hip joint prosthesis with no bone cement is supposed
to adhere to living bone tissue for a long period of time, and therefore, highly
biocompatible titanium alloys are selected; because mechanical strength and
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Cup liner
Acetabular cup + UHMWPE
- Ti alloy + Ceramics
* Co-Cr-Mo alloy

(metal on metal)
Femoral head

* Co-Cr-Mo alloy
* Ceramics

Femoral stem
* Co-Cr-Mo alloy

- Ti alloy
Porous component

= Ti and Ti alloy

Femoral Component
* Co-Cr-Mo alloy

* Ti alloy

- Ceramics

Porous component

Tibial insert ——
- * Tiand Ti alloy

* UHMWPE

7 Tibial Component
v - Co-Cr-Mo alloy
* Ti alloy
- Ceramics

Tibia

Fig. 1.1 Typical products used in artificial hip joint and knee joint. (a) Artificial hip joint. (b)
Artificial knee joint

ductility are required, the forging method is selected as the manufacturing method.
On the other hand, the femoral component of artificial knee joint is used on a sliding
portion, and therefore, highly abrasion-resistant Co—Cr alloys are selected; because
of the complex shape of the prosthesis, the casting process is selected as the
manufacturing method. Over the past few decades, Co—Cr and titanium alloys
have become the mainstream materials, and the forging procedure and the casting
method have become the mainstream manufacturing methods. However, new
biomedical metallic materials [19, 20] and novel manufacturing methods [21, 22]
are continually being developed. Particularly, the additive manufacturing process
has recently attracted attention as a new manufacturing method for orthopedic
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implants [23]. This chapter describes additive manufacturing technology and the
development of orthopedic implants utilizing this technology.

1.2 Additive Manufacturing

Additive manufacturing technology was developed in the early 1980s, and it has
been used as a means to accelerate the manufacturing of prototypes and design
validation models, mainly in the aircraft and automobile industries, which used
three-dimensional (3D) data from early on. Currently, complex shapes can be
expressed with dimensional accuracy by using metallic powders and resins as
materials. However, initially, thermoplastic resins were melted with heat and
laminated, and photo-polymerizing resins were irradiated with ultraviolet light in
a hardening-only method; materials were limited and dimensional accuracy was
low. Later, with technological advances in additive manufacturing in terms of the
diversification of materials and the improvement of dimensional accuracy, the
application of additive manufacturing has increased. Research and development
of additive manufacturing using metallic powder was popular in the 1990s. In the
2000s, use of the method went beyond creating models for design verification; they
were also commonly utilized for the direct creation of prototypes for use in
performance tests and assembly, in manufacturing processes, and in small amounts
of finished products. Figure 1.2 shows various medical devices made by using the
additive manufacturing process.

Initially, the process was often called “rapid prototyping” because it allowed for
a rapid construction of models; however, as the technology became widespread, it
became known under various names, such as additive fabrication (AF), direct
digital manufacturing (DDM), free-form fabrication (FFF), and three-dimensional
printing (3DP). Therefore, in 2009, ASTM defined it as additive manufacturing
(AM), in the sense that it was a manufacturing method consisting of adding
materials as opposed to manufacture by removal, such as in cutting [24]. Table 1.2
shows additive manufacturing process categories defined by ASTM F2729-12a.
The additive manufacturing processes, which allow for manufacturing metal com-
ponents, are powder bed fusion and directed energy deposition. Powder bed fusion
is a method for constructing three-dimensional structures by using energy sources
such as laser beams and electron beams for sintering or melting the starting raw
material powder. Depending on the energy source, powder bed fusion is also known
as selective laser melting (SLM) or electron beam melting (EBM). Directed energy
deposition is a method for manufacturing three-dimensional structures by using a
high-power laser to melt the metal powder while stacking it into layers.
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b

_

Fig. 1.2 Various medical devices made by using an additive manufacturing process. (a) Acetab-
ular cup. (b) Artificial knee joint. (c) Artificial hip joint. (d) Spine cage

1.2.1 Selective Laser Melting

Figure 1.3 shows a representative schematic diagram of an SLM device. There are
several types of SLM devices, including EOSINT M 280 by EOS GmbH (Ger-
many) and another type by 3D Systems.

An SLM device is composed of a laser oscillator, a scanning mirror, a blade,
a powder supply platform, and a building platform. In order to manufacture
metal components by using an SLM device, the first thing to do is to construct a
three-dimensional design model of the metal components. The design model is
made by using CAD software and computed tomography (CT) data or three-
dimensional measurement data. Next, slice data are constructed by dividing the
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Table 1.2 Additive manufacturing process categories

Type Process

Binder jetting An additive manufacturing process in which a liquid bonding agent is
selectively deposited to join powder materials

Directed energy An additive manufacturing process in which focused thermal energy is

deposition used to fuse materials by melting as they are being deposited

Material extrusion An additive manufacturing process in which material is selectively

dispensed through a nozzle or orifice

Material jetting An additive manufacturing process in which droplets of build material
are selectively deposited

Powder bed fusion An additive manufacturing process in which thermal energy selectively
fuses regions of a powder bed

Sheet lamination An additive manufacturing process in which sheets of material are
bonded to form an object

Vat An additive manufacturing process in which liquid photopolymer in a vat
photopolymerization | is selectively cured by light-activated polymerization

NG
/ Laser

Laser window

Scanning mirror

Inter gas

L —— |~ 3D object model
Powder supply |

platform \\
| — Building platform

U {4 i

Fig. 1.3 Representative schematic diagram of an SLM device

three-dimensional design model into equal intervals in the direction of its height.
Here, the divided interval is the thickness of the laminate per layer. After data on the
constructed slices are entered into the SLM device, the parameters of the model
are set up, namely, the laser output suitable for the model to be constructed, the
scanning speed, the laser’s scanning interval, and the hatch angle. To one side of
the molding device, powder is supplied to the powder supply platform inside the
device, after which N, gas or Ar gas is introduced into the device. After the
appropriate volume of gas is loaded, an amount of metal powder suitable for
one layer is deposited onto the base plate using a blade. The laser, which is emitted
from the laser oscillator, is then reflected by a scanning mirror and irradiated onto
the thinly paved metal powder layer. Based on the slice data, the laser is scanned by
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Fig. 1.4 Representative schematic diagram of a metal laser sintering hybrid milling device

controlling the scanning mirror, and the metal powder is melted and solidified into
the desired shape. Once one layer of the model is completed, the building platform
descends by one layer, and another layer of metal powder is deposited by using the
blade. A metal product with a shape similar to that of the three-dimensional design
model is molded directly by sequentially and repeatedly melting, solidifying, and
depositing metallic powder.

When this method was initially developed, the sintered density was relatively
low, and its application was limited to products with no strict requirement for
strength. Recently, however, there have been advances in the development of
laser oscillators, and with the change from CO, lasers to YAG and Yb fiber lasers,
the manufacture of products with a higher output, higher precision, and higher
density has become possible. Meanwhile, there have also been advances in the
development of metal powders, namely, the starting materials. The manufacture of
products from titanium and its alloys, cobalt—chromium alloys, maraging steel, and
aluminum has become possible, although there are differences depending on the
type of modeling device. In order for the laser sintering of aluminum and titanium
alloys to be feasible, the oxygen content needed to be markedly reduced; therefore,
the size of the modeling area was reduced, and devices using hermetically sealed
chambers have been developed. Meanwhile, in order to solve the issues of dimen-
sional precision and surface roughness, which were problems originally associated
with the additive manufacturing process, complex processing devices were devel-
oped that allowed for the laser sintering and lamination of metal powder, as well as
for the cutting and finishing procedures by end milling (Fig. 1.4).

1.2.2 Electron Beam Melting

Figure 1.5 shows a representative schematic diagram of an EBM device. The EBM
device is an Arcam Q10, manufactured by Arcam AB (Sweden). An EBM device is



10 H. Fukuda

I

| Filament
Grid cup

[ Anode
Astigmatism coil ~—__ |

Electron beam

/ Powder hopper
¢l

£
/
\ | |~ Powder
.
Rake R \J

3D object model <4

Focus coil s |

" i

Deflection coil —___|

-xén'T
/-I\‘

L=

| L— Building table

/

i I

Fig. 1.5 Representative schematic diagram of an SLM device

composed of the following: an electron beam column, which is composed of a
filament, grid, and anode; various types of coils, which control the electron beam; a
hopper, which supplies the powder; a rake, which levels the powder; and a model-
ing table. In order to manufacture a metal component using an EBM device, a three-
dimensional design model of the metal component is created; based on the resulting
data, slice data divided into equal intervals in the direction of the height of the
model are created. Up to this step, the procedure is the same as that used in the
creation of metal components using an SLM device. The resulting slice data is input
into the EBM device, and the modeling parameters are set up, such as the scanning
speed and scanning intervals for the electron beam and the beam electric current
suitable for the model being created. To one side of the molding device, the metal
powder to be used in molding is supplied to the powder hopper inside the molding
device and subjected to a vacuum using a vacuum pump. After the desired extent of
vacuum is reached, the base plate, which serves as a foundation for the molding
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process, is heated by repeatedly irradiating it with an electron beam. When the base
plate reaches the desired temperature (conventionally 600-900 °C), an amount of
metal powder sufficient for one layer is deposited upon the base plate using a rake.
In order to suppress the scattering of metal powder during molding and in order to
inhibit the deformation of the model due to residual stress, the entire surface of the
deposited metal powder layer is irradiated with an electron beam with a relatively
low energy density, which prevents sintering of the metal powder. After irradiation
is conducted for the desired duration, an electron beam with a high energy density
that allows for melting of the metal powder is applied on the basis of the slice data,
and the metal powder is melted and solidified into the desired shape. Once the
molding of one layer has been completed, the building table descends by one layer,
and the system deposits metal powder for the next layer. The metal powder is
sequentially and repeatedly melted, solidified, and deposited, which allows for the
direct shaping of metal products with a shape close to that of the three-
dimensionally designed model.

The EBM method allows for rapid scanning of the high-output electron beam,
and therefore, it allows for faster molding than with the SLM method. Compared to
a laser, an electron beam penetrates with little change in the beam width in the
direction of the depth of irradiation, and therefore, it allows for melting the paved
powder bed efficiently in the direction of the depth; this makes it possible to
perform a high-density molding, even when using materials with a high melting
point above 2,000 °C. In addition, since the molding is carried out under high
vacuum, the products are not affected by oxidation or nitridation, and therefore, this
method is suitable for the molding of high-quality metal products.

One of the advantages of EBM is the fact that preheating of the metal powder is
performed before fusing it. This is effective in eliminating the residual stress that
occurs inside the molded object after melting and solidification, allowing for easy
control of the stability of the shape of the molded object.

1.3 Processed Material

The powder material is the most important element in the molding of a component
using a powder bed fusion method. No matter how perfect the device and the
software are, high-precision molding using the powder bed fusion method is
difficult unless the powder used as the starting material has suitable properties in
terms of its average particle diameter, bulk density, and crystallinity. In addition, if
proper molding conditions such as the environment temperature for molding each
material and the laser output cannot be selected, high-precision components cannot
be molded.

Figure 1.6 shows a photograph of the metal powder used for powder bed fusion.
In powder bed fusion, spherical powders are mostly used. They are manufactured
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Fig. 1.6 Photograph of the metal powder used for powder bed fusion

by using gas, plasma, or centrifugal atomization methods. Once the powders have
been manufactured, they are separated by sieving and are used according to their
suitability for the fabricated devices. Next, we report on the application of the
powder bed fusion method to biomedical metal materials, namely, Co—Cr alloys
and Ti alloys.
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1.3.1 Co-Cr Alloy

By using an SLM device, Takaichi et al. [25] examined the mechanical properties
of Co—Cr alloys manufactured under various molding conditions and compared
them to cast materials made from the same alloy. The 0.2 % proof stress, tensile
strength, and elongation of the molded Co—Cr alloys were all higher than those of
the cast alloys. Various elements such as carbon and nitrogen have been added in
order to improve the mechanical properties of Co—Cr alloy casting materials;
however, findings have suggested that this is highly likely to be unnecessary with
the SLM method.

Xin et al. [26] compared the cellular responsiveness of mouse fibroblasts to the
amount of metal ions eluted from Co—Cr alloys manufactured with the SLM method
with that from the corresponding molded objects. The amount of Co and Cr eluted
from Co—Cr alloys manufactured using the SLM method showed a significantly
stronger inhibition than cast materials. The growth of mouse fibroblasts has also
been reported to be high in molded Co—Cr alloys.

Gaytan et al. [27] manufactured sintered bodies of Co—Cr alloys using the EBM
method, and they investigated the microstructure and tensile properties of each
product. In addition, they attempted to develop a femoral component by using the
EBM method and demonstrated the usefulness of EBM.

Sun et al. [28] clarified the structure directional dependence of the mechanical
properties of Co—Cr alloy microstructures manufactured using the EBM method.
The y-phase preferential crystal orientation of shaped objects made of Co—Cr alloys
manufactured at angles of 0°, 45°, 55°, and 90° was close to [001], [100], [111], and
[100], respectively. M,3Cq precipitates were aligned in the stacking direction at
intervals of about 3 pm. The findings showed that Co—Cr alloys manufactured using
the EBM methods need to undergo heat treatment in order to attain a uniform
microstructure.

1.3.2 Ti-6Al-4V Alloy

Among research studies on biological metal materials using the powder bed fusion
method, most reported studies are on Ti—-6Al-4V alloys.

Table 1.3 shows the mechanical properties of Ti-6Al-4V and Ti—-6A1-4V ELI
alloys manufactured using the SLM and EBM methods [29-31].

Christensen et al. [29] studied the effects of post-molding hot isostatic pressure
(HIP) treatment on the molded object. Performing a post-molding HIP treatment is
considered to cause a decrease in 0.2 % proof stress and tensile strength. On the
other hand, elongation remains unchanged.

In a study conducted by Chaine et al. [30], the test specimen was molded and
subjected to post-molding processing by machining. A tensile test was conducted
using a test specimen with a polished surface, and the mechanical properties of the
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Table 1.3 Mechanical properties of Ti—-6A1-4V and Ti—-6Al-4V ELI alloys manufactured using
the SLM and EBM methods

YS (MPa) TS (MPa) EI (%) References
Ti—6Al-4V ELI alloy 856 924 15 [29]

EBM method

Used machined specimens
Ti—6Al-4V ELI alloy 800 876 16 [29]
EBM method

Used HIP and machined specimens
Ti—6Al-4V ELI alloy - 1,028 14 [30]
EBM method

Used machined and polished specimens
Ti-6Al-4V alloy - 928 3 [30]
EBM method

Used as-build specimens
Ti—6Al-4V alloy 1,130 1,180 >20 [31]
EBM method

Used machined specimens
Ti—6Al-4V alloy 1,350 1,450 0.5 [31]
SLM method

Used machined specimens

two specimens were examined. For the molded specimen whose surface had been
polished after post-molding machine processing, the tensile strength and elongation
were higher than those found in the specimen used as it was after having been
molded.

Murr et al. [31] manufactured Ti—6A1-4V alloys using SLM and EBM devices
and compared their conformation and mechanical properties. For objects molded
with SLM, the 0.2 % proof stress and tensile strength were higher than those of
objects molded with EBM, whereas elongation was inversely related. The differ-
ences between the objects were due to the phases comprising the manufactured
objects. Objects molded using the SLM method are considered to have an o’ phase
and an o phase. On the other hand, objects molded using the EBM method were
composed of two phases, namely, an o phase and a § phase. The difference between
those molded objects in terms of their constituent phases is caused by the preheating
of the surrounding laminated powder. The preheating during the manufacture of
molded objects using the SLM method is carried out at low temperature; the high
temperature occurring immediately after solidification causes the existing [} phase
to be rapidly cooled, becoming an o phase due to martensitic transformation.
Meanwhile, during the manufacture of a molded object by using the EBM method,
the preheating consists of a relatively high temperature (400-600 °C); as a result,
the B phase occurs immediately after solidification; however, the preheat temper-
ature is later maintained, and therefore, separation into a and  phases progresses.
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1.3.3 Ti-15Zr-4Nb—4Ta Alloy

It is important that elements with no indication of toxicity be selected as alloying
elements for biomedical metallic materials. Ti-6Al-4V alloys have been widely
used as biomedical metallic materials; however, their alloy components comprise
the strongly cytotoxic vanadium, as well as aluminum, which was formerly prob-
lematic because of its accumulation in the brains of Alzheimer’s disease patients;
therefore, alloys composed of less toxic elements started to be developed around
1980 [32-34].

Okazaki et al. developed a Ti—15Zr—4Nb-4Ta alloy powder (hereafter referred
to as Ti-1544) that had low cytotoxicity and was composed exclusively of elements
that improved corrosion resistance. Since the Ti-1544 alloy was composed of
elements with low cytotoxicity, it was biologically safe. It was also excellent in
terms of corrosion resistance, and it showed a balance between strength and
ductility [35]. In addition, it has recently been revealed that by controlling the
spatial design and heat treatment appropriately, the Ti-1544 alloy can be made to
have apatite-forming ability without using chemical methods via aqueous solutions,
such as in alkaline treatments [36]. The Ti-1544 alloy is thus promising as a new
biomedical metallic material with apatite-forming ability.

The authors were the first in the world to have achieved the manufacture of
molded objects from highly biocompatible Ti-1544 alloy by using the EBM method
[37]. Figure 1.7 shows a photograph of the microstructure of Ti-1544 alloy products
produced by EBM method. The microstructure of the molded object shows an o
phase along the prior  grain boundary and tissue precipitated by an acicular o
phase inside the prior  grain. In addition, observations show the prior § grain
boundary being elongated in the direction of the lamination. Because the lamination
pitch is 0.07 mm, the picture in Fig. 1.7 shows approximately 10 layers worth of
stacked layers. This shows that the prior B grain boundary grows between and

{87
Fig. 1.7 Microstructures of Ti—15Zr—4Nb—4Ta alloy products produced by EBM method
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across the stacked layers. This is believed to be due to epitaxial growth between the
underlying solidified layer that had previously formed and the solidified layer that
had formed on top of the latter. In addition, the additional elements in the Ti-1544
alloy included a large number of elements with high melting points and with
marked differences in melting point; however, there was no segregation of the
elements. Further, the black points inside the microstructure photograph in Fig. 1.7
are pores that had remained inside the molded object. Although the relative density
of the molded object exceeded 99.9 %, the remaining pores were present as
spherical shapes inside the molded object. The presence of residual pores inside
the molded object might be the result of bubbles of gas generated during the melting
process or internal bubbles generated during the preparation of the powder. The
tension strength, 0.2 % proof stress, and elongation of molded objects manufactured
with the Ti-1544 alloy using the EBM method are 870-890 MPa, 800—-840 MPa,
and 22-24 %, respectively, values that meet the standard values in accordance with
JIS T7401-4 (tension strength, 860 MPa or higher; 0.2 % proof stress, 790 MPa;
elongation, 10 % or higher). Therefore, from the perspective of mechanical prop-
erties, molded objects made of Ti-1544 alloy manufactured using the EBM method
are highly likely to have practical applications.

1.4 Applications

1.4.1 Customized Implants

Most orthopedic implants currently in use have a standardized shape with a
predefined width and thickness. However, in addition to individual differences in
patients’ skeletal conformation, there can be extensive bone loss in some cases due
to the diseases such as arthritis, infections, and bone tumors, such that the under-
lying parent bone is not in good condition; in such cases, the use of standardized
orthopedic implants is not indicated. In such cases, so-called custom-made
implants, namely, implants with excellent adaptiveness to each individual, are
needed. Because custom-made implants can be adapted to each individual patient,
they offer excellent advantages, such as bone-sparing treatment, compatibility and
individuality, minimally invasive surgery, excellent functional reconstruction, an
increase in the number of years of usability of the implant, and early rehabilitation,
as well as early social reintegration and a decrease in the probability of repeat
surgery. The current problematic issue is that for the mass production of custom-
made articular prostheses through conventional casting and machine-cutting pro-
cesses, the production cost is not worth it. Custom-made prosthetic joints are
ordered and manufactured separately for each individual patient, and the shape of
these joints is designed to be optimal for each patient’s skeletal conformation; as a
result, their shape is often complex, with a larger number of free-curved surfaces
than those of existing products. If they are constructed with conventional
manufacturing methods, the preparation of the mold and the generation of the
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tool path would be complicated, and the process would include a larger number of
steps than those used for existing products. However, with the powder bed fusion
method, products with a shape close to that of the designed three-dimensional CAD
model can be manufactured semiautomatically by using an additive manufacturing
device, without any particularly complex operation even if there are large numbers
of free-curved surfaces. Therefore, the procedure is suitable as a manufacturing
method for custom-made prosthetic joints. The following shows a patient-specific
ordering-and-manufacturing process applied to the manufacture of custom-made
prosthetic joints using the EBM method. The process diagram is shown in Fig. 1.8.

4
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Fig. 1.8 Process diagram of custom-made prosthetic joints using the additive manufacturing. (a)
Implant reconstruction/design. (b) Implant manufacturing (additive manufacturing). (c) Post-
processing. (d) Surgery
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1. Images of the diseased location are taken using CT or MRIL.

2. A three-dimensional bone model is constructed on a computer on the basis of the
medical imaging data.

3. A prosthetic joint that is suitable to each patient’s skeletal conformation is
designed on the basis of the three-dimensional bone model.

4. If the product needs to be bound to a living bone, three-dimensional porous
structures are designed at sites where the latter are needed.

5. The mechanical safety of the prosthetic joint is evaluated by using a finite
element method (FEM) analysis.

6. Manufacture is conducted by using the powder bed fusion method on the basis of
the three-dimensional CAD data used in the design of the prosthetic joint.

7. Whenever necessary, machine processing is conducted at sites where configu-
rational accuracy is required.

8. The product is subjected to testing, sterilization, and packing. It is then supplied
for use in clinical settings.

The above description shows that in terms of production costs, the powder bed
fusion method is very useful in the practical realization of custom-made prosthetic
joints.

1.4.2 Porous Metallic Biomaterial

“Aseptic loosening of the prosthetic joint” is the main reason for prosthetic joint
re-replacement surgery owing to the fact that the elastic modulus (80—120 GPa) of
metallic materials used as a substitute for living bone in a prosthetic joint is much
larger than the elastic modulus of the cortical bone (10-30 GPa) [38]. As a result,
when a prosthetic joint is implanted in a living bone, the metallic material will bear
the load, and thus, the load is not transmitted to the surrounding bones (stress
shielding), leading to a failure of bone remodeling as well as to osteolysis and
deterioration of the bone [39]. In the 1990s, reports from simulation experiments
[40] and animal experiments [41] showed that materials with a low elastic modulus
were effective in the prevention of stress shielding, and ever since, research and
development on metallic materials with a low elastic modulus has been actively
conducted. Among biomedical metallic materials already being used in prosthetic
joints, those with a low elastic modulus are Ti—15Mo—5Zr-3Al and Ti—12Mo—6Zr—
2Fe alloys; they each have an elastic modulus of 80 GPa. Biomedical metallic
materials currently being developed include the liquid forms of Ti—29Nb-23Ta—
4.6Zr [42] and Ti—24Nb—4Zr-7.95n alloys [43], with which an elastic modulus of
40-60 GPa has been achieved. However, none has reached the elastic modulus
of cortical bone yet. Meanwhile, there is a method known as the porosification of
metallic materials, which is aimed at reducing the elastic modulus of metallic
materials [44]. The methods for the manufacture of porous metallic materials
include the powder sintering method [45], the space holder method [46], hydrogen
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utilization (unidirectional solidification) [47], and powder bed fusion [48, 49],
which is a novel manufacturing method. The powder bed fusion method in partic-
ular has attracted attention because, on the basis of three-dimensional CAD data, it
allows for a near-net-shape direct construction of complex porous structures that
are difficult to manufacture with the conventional cutting and plastic deformation
processing methods. This makes it possible to control the macroscopic apparent
elastic modulus and the yield stress by designing the proper shape, size, and
distribution of the pores.

Murr et al. [48] conducted a CT scan of open-cell foams of aluminum, and on the
basis of the resulting data, they constructed three-dimensional CAD models of the
core cell material and the hollow cell structure, and they constructed a Ti—-6Al1-4V
alloy open-cell structure using the EBM method. The strength, which was calcu-
lated on the basis of the microindentation hardness of the manufactured hollow
structure, showed values that were 40 % higher than those found in completely
dense objects. The relative strength for the relative density of the core cell and
hollow cell structures was consistent with the Gibson—Ashby model for open-cell
foam materials.

Van Bael et al. [49] designed porous materials with pores measuring 500 pm and
1,000 pm in size and shaped as triangles, squares, and hexagons, and they modeled
Ti—6A1-4V alloy open-cell structures using the SLM method. The elastic modulus
of those products ranged between 0.4 and 11 GPa, and therefore, porous materials
with an elastic modulus ranging from those of cancellous bones to those of cortical
bones were achieved.

Pattanayak et al. [50] used human cancellous bone image data obtained from CT
scans to create three-dimensional CAD models of porous materials with structures
similar to that of the cancellous bone, and the manufacturing process was conducted
using the SLM method. The compressive strength of Ti—6A1-4V alloy porous
materials manufactured with a cancellous bone-like structure showed values that
were higher than those found with titanium alloy porous materials manufactured
with the powder sintering method.

Barbas et al. [51] focused on the mechanical anisotropy of bones, and they
designed pores in order to express this in titanium porous materials. Based on the
design, titanium porous materials were manufactured using the SLM method. After
having taken into consideration the crystal anisotropy of titanium in the
SLM-modeled object, they arranged a sequence of prisms with diamond-shaped
cross sections of a size that would allow for penetration of newly formed bone. As a
result, they achieved the manufacture of titanium alloy porous materials with an
elastic anisotropy similar to that of bones.

Nakano et al. [52] used the EBM method to prepare a novel embedded direc-
tional porous implant made of Ti—-6Al1—4V alloy for osteogenesis. While focusing
on the bone mass and bone quality of the newly formed bone, they conducted bone
regeneration tests by embedding the material in rabbits. The cylindrical directional
porous implant constructed functioned as scaffold for the conduction of newly
formed bone along the direction of the axis of the bone; this induced the attachment
of newly formed bone along the axis of the bone and an orientation that was
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dependent on the location of the site on the bone. Consequently, it functioned as an
implant capable of attaching to the bone over a long period of time without causing
bone resorption. Meanwhile, the use of powder bed fusion for the creation of a
B-type titanium alloy with low elasticity is also progressing.

Zhang et al. [53] succeeded in the powderization of a low-elasticity Ti—24Nb—
47r-8Sn alloy using a gas atomization method in the experimental manufacture of
an SLM model object with a relative density of 99 % or higher, as well as an
acetabular cup. The elasticity modulus of the molded object was comparable to
those of hot rolled and forged materials (53 GPa).

1.4.3 Implant with Designed Porous Surface

When implanted in bone tissue, Ti is known to attach closely to bone tissue
(osseointegration) under light microscopy [54]. This is why titanium alloys are
used as materials for prosthetic joints at sites of long-term adhesion to living bones.
However, the current reality is that it takes a titanium alloy several months to fix itself
to living bone tissue, and, as a result, stress loading on the prosthetic joint is not
possible immediately after its implantation. Therefore, further improvement in the
compatibility of titanium with living bone tissue is an issue that needs to be solved.
The chemical composition of the surface of the materials and their physical config-
uration play a major role in the compatibility and adhesion between living bone tissue
and biomedical metallic materials. From the perspective of the chemical composi-
tion, various modifications to the bioactive surface have been attempted for the
purpose of improving the capacity to form new living bone [55]. Bioactive surface
modifications can be broadly classified into two types: a method consisting of the
coating of apatite, which is similar to bone mineral (hereafter referred to as HAp),
directly onto the surface of the material and a method consisting of forming a surface
layer or surface composition that promotes HAp formation in vivo. Among the
methods, HAp coating by thermal spraying [56] (which represents the first method)
and alkaline heat treatment [57] (which represents the second method) have already
been put to practical use. However, since both methods include a high-temperature
process, the temperature of the substrate increases. In general, the mechanical
properties of titanium alloys are known to be strongly influenced by heat treatment
[58]. Particularly, heat treatment at a temperature of 500 °C or higher causes marked
changes in the mechanical properties and a loss of the properties of interest. There-
fore, for titanium alloys, reducing the temperature in the heat treatment during the
bioactive surface modification process is an extremely important matter.
Meanwhile, from the perspective of the physical shape of the material surface,
porosification and roughening of the surface of the prosthetic joint have been
attempted. Surface undulations, which are present at the surface of the material,
have an anchoring effect owing to an increase in the bone contact area and mechan-
ical fitting with the living bone tissue. In addition, these undulations have been
reported to affect the development and growth behavior of bone cells [59], allowing
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for a progression of the cells along the material’s uneven surface. For those reasons,
techniques allowing for control over the morphology of the surface of biomedical
metallic materials are essential for improving their compatibility with living bone
tissue. Currently, typical surface morphology control techniques that are being
applied to the prosthetic joints include porosification of the surface through Ti plasma
spray [60], metal bead coating [61], and fiber mesh coating [62]. Further, surface
porosification using the additive manufacturing method has been the focus of atten-
tion in recent years, since it allows for control over pore shape, size, and distribution
through a design of pore morphology [63]. Figure 1.9 shows a process diagram of
implant with designed porous surface using the additive manufacturing method.

1.5 Future Developments

In recent years, more and more patients who had received treatment using pros-
thetic joints as a result of musculoskeletal disorders seek to live a more active
lifestyle, such as running full marathons. Even patients who had been subjected to
reconstruction using osteosynthesis devices because of fracture malunions chal-
lenge themselves by playing tennis. However, the main role of conventional
orthopedic implants is merely to act as a substitute for supporting loads, and the
range of motion has been designed to take into consideration only a very limited
number of functions for daily living. In other words, patients’ requests in recent
years have gone beyond efficacy and safety as conventionally assumed in conven-
tional orthopedic implants. Unreasonable use of the devices, namely, for purposes
other than those they had been designed for, is likely to lead to a surge in the
number of cases of re-replacements due to damage or deterioration in the near
future. Therefore, in order to achieve a more active life, it is essential for the patient
to recognize that a prosthetic joint behaves as if it were living bone and that it has
properties similar to those of bones; at the same time, it is essential that the device
be designed individually (high level of freedom) in accordance with each patient’s
particular skeleton, disease severity, and lifestyle habits and that it exerts its
properties and functions with high performance. By themselves, the aforemen-
tioned “custom-made prosthetic joint” manufacturable with the EBM method,
“prosthetic joints with a three-dimensional communicating porous structure,” and
“prosthetic joints with a low elasticity modulus” are each promising as prosthetic
joints with new functions; however, their combination for the realization of futur-
istic prosthetic joints acting as actual living bones and with an “ability to fit into the
morphology of the skeleton,” a “biological ability to attach,” and ‘“bone-like
mechanical functions” is not just a dream either. Futuristic prosthetic joints will
be clearly distinct from prosthetic joints based on conventional types using average
skeleton data, and they are expected to be able to provide a heretofore impossible
level of activity to patients who have undergone functional reconstruction surgery.
In addition, the powder bed fusion method is a very effective and essential tech-
nique for the realization of such prosthetic joints.
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porous structures

Boolean operation

Fig. 1.9 Schematic process diagram of implant with designed porous surface using the additive
manufacturing method
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Chapter 2
Metal Injection Molding (MIM) Processing

Hideshi Miura, Toshiko Osada, and Yoshinori Itoh

Abstract Complex-shaped components can be obtained by net or near-net shaping
through the powder metallurgy processing route such as metal injection molding
(MIM) process. MIM is an advanced powder processing technique for the mass
production of complex-shaped components. This technology also reduces the
material used for production and processing cost. Sintered compacts obtained by
MIM process show high density over 95 % and excellent mechanical properties.
Titanium and its alloys are used in biomedical applications because of their
excellent characteristics such as high specific strength, corrosion resistance, bio-
compatibility, and so on. MIM process is a suitable technique for titanium and its
alloys to reduce the processing cost and material cost. In this chapter, tensile and
fatigue properties of MIM compacts fabricated with Ti, Ti-6Al-4V, Ti-6Al-4V-4Cr,
and Ti-6Al-7Nb are reviewed.

Keywords MIM process * Net shape ¢ Tensile strength e Fatigue limit o
Microstructure « Oxygen content * Titanium alloys

2.1 Introduction

Metal injection molding (MIM) combines the most useful characteristics of powder
metallurgy (PM) and plastic injection molding to facilitate the production of small,
complex-shaped metal components with outstanding mechanical properties.

Injection molding is a productive and widely used technique for shaping plastics.
Alternatively, metals have advantages over polymers in mechanical properties and
electrical and thermal conductivity. PM also has advantages such as easy alloying
by powders and recycle ability. MIM uses the metal powder and binder plastics;
thus, this is a combined process of injection molding and PM.
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This chapter introduces the MIM process and provides the tensile and fatigue
properties of various injection molded titanium alloy compacts.

2.2 Metal Injection Molding

2.2.1 MIM Process

Metal injection molding (MIM) is an advanced manufacturing technology that uses
the shaping advantage of injection molding process to be applied to metal. The
process has ability to produce the high degree of geometrical complexity of the
component with high properties. Because of high final density, often near theoret-
ical density, the MIM products exhibit excellent properties. MIM process is appli-
cable for most of common engineering metals such as carbon steel, stainless steel,
tungsten, nickel-based alloys, titanium alloys, etc. Figure 2.1 shows the advantages
of the MIM process [1]. MIM has been demonstrated to be a cost-effective
manufacturing process of small components (typically less than 50 g for titanium
alloys), complex-shaped parts with high production volume, as it can be seen in
Fig. 2.2.

The principle of the MIM process is illustrated in Fig. 2.3. Initially, powder and
thermoplastic binder are mixed and kneaded in order to obtain the feedstock. This
feedstock is heated and injected into a mold using a conventional injection molding
machine. After the injection process, the binder is removed by heating, chemical
extraction, or catalytic reaction, and then this is followed by sintering process to
produce the final parts. The binder removal process is called the debinding process.

The purpose of sintering is to densify the powder and to remove most of the void
space left by the binders. Usually the shrinkage during sintering is in the range
between 12 and 18 %; therefore, the mold is oversized to meet the required
dimension. The MIM component has tolerance ranging from 40.05 to +0.3 %.

Material flexibility
l Low cost production

e
/ N

High properties Shape complexity

Precision surface finish

N

Fig. 2.1 The advantages of MIM process (Redrawn from Ref. [1])
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Fig. 2.2 MIM is suited to complex-shaped parts with high production volume (Redrawn from
Ref. [1])

After sintering process, the secondary operations such as grinding, machining, and
drilling can be omitted. However, it depends on the accuracy of the product. For the
mechanical parts, which need tighter tolerance, an approach to achieve tighter
tolerance is to machine the critical surface after sintering. Hence, it is only applied
for critical features. Surface roughness depends on the tools and also powder size.
After sintering process, the sand blasting process can be done to reduce the surface
roughness.

Another point is in the MIM process; the feedstock material can be recycled
nearly 100 %. This will be beneficial for cost reduction, especially for the expensive
materials. The total cost of binders, mold, debinding, and sintering process can be
reduced by increasing the amount of production. In other words, the low cost of
MIM process is suitable for the mass production. The summary of this section is
that, with the capability of producing complex-shaped component with high prop-
erties at low cost, MIM process is expected to be one of the suitable processes to
fabricate complex biomedical parts.

2.2.2 Biomedical Applications

MIM is suitable for the fabrication of small and complex-shaped parts; thus, several
parts for medical applications were produced. Figure 2.4 shows the examples of
biomedical components [3—7]. Those are fabricated from stainless steel, Ti alloy,
and so on.

MIM is a very clean process compared to conventional manufacturing technol-
ogies. Only the possible binder residuals could represent potential candidates as
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Fig. 2.3 Schematic diagram of MIM process (Reproduced with permission from Ref. [2]. Copy-
right 1996, Uchida Rokakuho Publishing Co., Ltd.)
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Fig. 2.4 MIM products for biomedical applications. (a) Orthodontic parts, SUS630, Ti, Al,O3;
(b) surgical scalpel holder, SUS630; (c) fracture fixation plate, SUS316L; (d) heart valve,
titanium; (e) an implant pump, Ti-6A1-4V; (f) dental implant, titanium

toxic substances [8]. It is a good start to use exclusively nontoxic biocompatible
binder components. Even if the single binder constituents may be harmless, such as
paraffin or polyethylene, decomposition at high temperature could generally lead to
new toxic substances. However, these substances would be trapped in pores after
sintering and would cover the surface. In the first instance, they would have no
contact with the body, and in the latter case, they could be removed if necessary. In
the end, appropriate tests of the sintered components have to prove this.

MIM for the fabrication of medical implants is also interesting because of the
possibility of generating porous components. These are beneficial with regard to
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tissue ingrowth. Porosity and pore diameter could be easily controlled. Figure 2.4f
shows the implant that has a dense layer covered by a porous layer.

2.2.3 Titanium Alloys Fabricated by MIM

Ti and its alloys show excellent characteristics of low density, high strength, and
high biocompatibility, leading to their widespread use for various industrial and
biomedical applications. However, they show poor workability, so it is difficult to
use them to produce parts with complicated shapes at low processing cost. There-
fore, MIM process is a suitable technique for fabricating the complex-shaped parts
to reduce the processing cost and material cost. Ti-6Al-4V is well known as the
most widely used Ti-based alloy. Meanwhile, MIM can be used to produce various
types of Ti alloys using mixed powders [8, 9].

As shown in Fig. 2.4, MIM is favored by a large number of small complex parts.
Cosmetic parts had been successfully made from CP Ti powder, but for the
structural applications, the oxygen level is still high especially for Ti-6Al-4V
alloy. Nowadays, the oxygen content of Ti-6Al-4V products can be controlled to
about 0.2 mass% with low oxygen level of starting powders, development of
binders, and sintering facilities. This development promises a significant expansion
of the titanium MIM marketplace into aerospace, automobiles, surgical instru-
ments, dentistry, and so on.

2.3 Static Mechanical Properties of Ti Alloys Fabricated
by MIM

In this section, the properties of injection molded Ti-6Al-4V alloy compacts using
alloy powders and various mixed powders were investigated comprehensively to
clarify the effect of oxygen content and relative density on the tensile properties.

On the other hand, Ti-6Al-7Nb alloy has been developed for more suitable
biomaterial in place of Ti-6Al-4V alloy, because the vanadium (V) is toxic to the
human body. There are few reports about MIM Ti-6Al-7Nb alloy, though the cost
of starting material powder seems to be expensive because of not using a commer-
cially available powder of gas-atomized Ti-6Al-7Nb alloy powder [10] or
Al-53.8Nb pre-alloyed powder [11].

In this section, the metal injection molding process of Ti-6Al-7Nb alloy using an
alloy powder and three types of mixed powders, which consisted of commercially
available powders, is reviewed. The effects of powders and sintering conditions on
the microstructure, relative density, and mechanical properties of injection molded
compacts were mainly investigated.
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Table 2.1 Chemical composition and mean particle diameter of the powders

Chemical composition (mass%)

Al v Fe O C Particle diameter (um)
Ti - - 0.044 0.130 0.008 244
Ti-6Al-4V 5.75 4.13 0.017 0.100 0.004 26.1
TiH, - - 0.03 0.170 - 15.0
Al-40 V | Fine Bal. 41.0 0.24 0.47 0.02 6.4
Coarse Bal. 39.7 0.33 0.20 0.01 20.0
Atomized |59.5 Bal. 0.13 0.12 0.02 26.0

2.3.1 Effect of Oxygen Content in Ti-6Al-4V Compacts
2.3.1.1 Experimental Procedures

A gas-atomized pure Ti powder (TILOP-45, Osaka Titanium Technologies Co.,
Ltd.), ground TiH, powder with a different particle diameter and shape (TCH452,
Toho Titanium Co., Ltd., etc.), two types of ground Al-40V alloy powders with
different particle diameters (VAL-3, Nippon Denko Co., Ltd.), gas-atomized
Al-40V alloy powder (60Al1-40V, Daido Steel Co., Ltd.), and three types of
Ti-6Al1-4V alloy powders with different particle diameters and oxygen contents
(TILOP64-45, Osaka Titanium Technologies Co., Ltd., etc.) were used in the
experiment. The chemical compositions, particle diameter, and scanning electron
microscope (SEM) images of these powders are shown in Table 2.1 and Fig. 2.5.
The TiH, powder is more cost-effective compared with gas-atomized Ti powder,
which should reduce raw material costs [12]. The fine Al-40V powder shows higher
oxygen content than the other Al-40V powders.

The pure Ti powder, TiH, powder, and Al-40V alloy powder were weighed to
obtain the chemical composition of Ti-6Al-4V and then were premixed for 3.6 ks
by rotating in an argon gas-filled pot mill. The mixtures of Ti-6Al-4V alloy powder
were then kneaded with binder [13] (which contained polypropylene, polymethyl
methacrylate, paraffin wax, and stearic acid in a weight ratio of 30:40:29:1) using a
pressure-type kneading machine (Moriyama Co., Ltd., DV1-5GHH-E) at 443 K for
8.1 ks. The binder loading was 35 vol%, and it increased with increasing TiH,
powder content because of its irregular shape and low density. The compounds
obtained were crushed and screened from 2 to 8 mm diameter to prepare feedstocks
for injection molding. The feedstocks were then injection molded by injection
molding machine (Nissei Plastic Industrial Co., Ltd., ST20S2V) to produce tensile
test specimens with a length of 75 mm, a width of 5 mm, and a thickness of 2 mm.
After injection molding, solvent extraction debinding was conducted at 343 K for
21.3 ks in n-hexane [13] to partially remove the wax and polymethyl methacrylate.
By this treatment, the contamination of sintered compacts by carbon derived from
the binder system was reduced. Following this treatment, thermal debinding was
performed from room temperature to 703 K in reduced pressure under argon gas
flow. Continuous sintering was performed in high vacuum (in the order of below
1072 Pa) at various temperatures for 3.6 to 28.8 ks, followed by furnace cooling to
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. 1 0pum

Fig. 2.5 SEM images of (a) titanium powder, (b) Ti-6Al-4V alloy powder, (c) titanium hydride
(TiH,) powder, (d) fine Al-40V alloy powder, (e) coarse Al-40V alloy powder, and (f) atomized
Al-40V powder

room temperature in high vacuum (in the order of below 10~ Pa). The vacuum
furnace (Shimadzu Mectem Inc., PVSGgr20/20) has both its heater elements and
vessel made from graphite. The compacts were set on yttria or zirconia substrates in
an inner vessel made from molybdenum or zirconia, and the compacts were
surrounded by a spongelike Ti powder to prevent their carburization and oxidation.

The relative densities and tensile properties were measured on as-sintered
compacts. The density of sintered compacts was measured by the Archimedean
method with an automatic densimeter (Toyo Seiki Seisaku-Sho, Ltd.,
DENSIMETER H), and the relative density was calculated against the full density
of Ti-6A1-4V alloy (4.42 Mg/m>). The tensile testing (in triplicate) was conducted
using a universal testing instrument (Shimadzu Corp., AG-50kNIS) with an exten-
someter gauge length of 25 mm and crosshead speed of 8.33 x 10~ m/s in air at
room temperature. The oxygen content was determined by means of Oxygen/
Nitrogen analyzer (Horiba, Ltd., EMGA-520).

2.4 Results and Discussion

Table 2.2 shows the typical properties of sintered Ti-6Al-4V alloy compacts
discussed in this section. For details of these properties, refer to previous papers
[12, 14-18].

The relative density of the compacts using a mixture of Ti, TiH,, and Al-40V
alloy powders increased with increasing TiH, content. At the same time, the
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Table 2.2 Characteristic properties of sintered Ti-6Al-4V alloy compacts

Oxygen
Sintering Vessel/ | Relative |Tensile |Elongation |content
Powder condition substrate | density strength | (%) (%)
Ti, TiH,, and | 1,373 K X 28.8 ks | Mo/ 98.3 990 4.9 0.41
coarse Y,0;5
Al40V 710,/ 98.5 930 15.8 0.35
ZF02
Ti and fine 1,473 K X 28.8 ks | Mo/ 98.5 890 9.6 0.35
Al-40v 710,
ZrOy/ 97.7 880 14.5 0.27
ZrOz
Ti and coarse | 1,373 K X 28.8 ks | Mo/ 98.4 820 13.7 0.24
Al-40v YzO';
Ti and atom- | 1,473 K X 14.4 ks 96.7 790 12.3 0.20
ized Al-40 V
Ti-6Al-4V 1,423 K X 28.8 ks 96.4 760 11.0 0.18
ELI

powder loading of compacts decreased with increasing TiH, content because more
binder was required to obtain enough flowability in the feedstock for injection
molding. The tensile strength and oxygen content of the compacts using a mixture
of Ti, TiH,, and Al-40V alloy powders increased with increasing TiH, content. On
the other hand, the elongation of the compacts using a mixture of Ti, TiH,, and
Al-40V alloy powders reduced drastically with increasing TiH, content [12].

The sintered compacts using a mixture of Ti and fine irregular Al-40V alloy
powder showed the highest density, and the compacts using a mixture of Ti and
coarse, irregular Al-40V alloy powder showed slightly higher density than the
compacts using a mixture of Ti and spherical atomized Al-40V alloy powder.
The sintered compacts using a mixture of Ti and fine irregular Al-40V alloy
powder, which had the highest oxygen content compared with other Al-40V alloy
powders, showed high oxygen content [14, 18]. Furthermore, the molybdenum
vessel and yttria substrate could be effective to oxidation of the compacts from
sintering atmosphere [15], which resulted in enough ductility, even for the
prolonged sintering time at high sintering temperature to obtain high density.

The sintered compacts using Ti-6Al-4V alloy powders showed slightly lower
relative density compared with the compacts using mixed powders, and their tensile
properties were slightly low [16]. However, they were improved by prolonged
sintering time and higher sintering temperature or using a small particle size
powder [17]. The oxygen content of the sintered compacts using a Ti-6Al-4V
ELI (extra-low interstitial) powder reached below 0.2 mass% as shown in Table 2.1
and Table 2.2.

The relative density and oxygen content of the compacts in our previous studies
cover a wide range from 90 to 99.8 % and 0.18 to 0.85 mass% O, respectively. As
shown in Table 2.2, there is a tendency for the tensile strength of sintered compact
to decrease with increasing oxygen content.
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Figure 2.6 shows the effect of oxygen content on the elongation of sintered
Ti-6Al-4V alloy compacts using various mixed powders or Ti-6Al-4V alloy powder.
The tensile properties of the compacts with relative density below 94.5 % were
excluded because of their poor properties and large fluctuation. The elongation of the
compacts using any mixed powder or Ti-6Al-4V alloy powder and also any sintering
conditions shows the excellent values, in excess of 10 %, when the oxygen content of
the sintered compacts is below 0.35 mass%. However, the elongation of the sintered
compacts is reduced dramatically if the oxygen content exceeds 0.35 mass%.

Figure 2.7 shows the effect of oxygen content on the elongation of sintered
Ti-6Al-4V alloy compacts as a function of relative density for the oxygen content
range from 0.1 to 0.35 mass%. The solid line shows the effect of oxygen content on
the elongation of sintered Ti-6Al-4V alloy compacts which have relative densities
from 97.5 to 98.5 %, as an approximated line. The oxygen content of sintered
Ti-6AI-4V alloy compacts has little influence on the elongation when the sintered
compacts have ductility greater than 10 % elongation. In addition, the relative density
of sintered Ti-6Al1-4V alloy compacts has very little influence on the elongation form
the result of approximated line calculated for each relative density range.

Figure 2.8 shows the effect of oxygen content on the tensile strength of sintered
Ti-6Al1-4V alloy compacts using various mixtures of Ti-6Al-4V alloy powder. The
tensile strength of the compacts using any mixed powder or Ti-6Al-4V alloy
powder and also any sintering condition increases from approximately 800 to
1,000 MPa with increasing oxygen content below 0.5 mass%, but they are drasti-
cally reduced from the oxygen content above 0.5 mass%.

Figure 2.9 shows the effect of oxygen content on the tensile strength of sintered
Ti-6Al-4V alloy compacts as a function of relative density in the oxygen content
range from 0.1 to 0.5 mass%. The solid line and light solid line show the effect of
oxygen content on the tensile strength of sintered Ti-6Al-4V alloy compacts with
relative densities from 98.5 to 99.5 % and from 94.5 to 95.5 % as an approximated
line, respectively. From the difference among each line, the tensile strength of
sintered Ti-6Al-4V alloy compacts is improved by 40 MPa with increasing 4 % of
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relative density. Furthermore, from the slope of each line, the tensile strength of
sintered Ti-6Al-4V alloy compacts is improved by 70 MPa with each increasing 0.1
mass% O. In other words, it was found that the tensile strength of sintered
Ti-6A1-4V alloy compacts is greatly affected by oxygen content and relative
density of the compacts. From these results, the tensile strength (o) of sintered
Ti-6Al-4V alloy compacts shows an excellent correlation with oxygen content
(O) and relative density (p) as shown in the following experimental Eq. (2.1):

o6(MPa) = 7000(mass%) + 10p(%) — 315 (2.1)
(Provided that O < 0.5 mass% and p > 94.5 %) '

To confirm the viability of experimental Eq. (2.1), the comparison was made
between calculated tensile strength and experimental values. Figure 2.10 shows the
effect of relative density and oxygen content on the tensile strength of Ti-6Al-4V
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Fig. 2.10 Effect of the relative density and oxygen content on the tensile strength of Ti-6Al-4V
alloy compacts sintered under various conditions with various mixed or Ti-6Al-4V alloy powders

alloy compacts sintered under various conditions with various mixed or Ti-6Al-4V
alloy powders by plotting each experimental value and approximate contour lines.
The highest strength sintered compacts are shown in the region of high oxygen and
high relative density.
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Fig. 2.11 The relationship between the calculated values and the experimental curved lines for
tensile strength of sintered Ti-6Al-4V alloy compacts as a function of relative density and oxygen
content

Figure 2.11 shows the relationship between calculated values and experimental
contours (shown in Fig. 2.10) of tensile strength of sintered Ti-6Al-4V alloy
compacts as a function of relative density and oxygen content (provided that
oxygen is in the range 0.18-0.5 mass% and relative densities are in the range
94.5-100 %). The calculated values of tensile strength are in fair agreement with
the experimental curved line. Thus, the correlation between the tensile strength of
sintered Ti-6Al-4V alloy compacts and oxygen content and relative density can be
expressed by the experimental Eq. (2.1).

2.4.1 Ti-6Al-7Nb
2.4.1.1 Experimental Procedure

Gas-atomized Ti-6Al-7Nb alloy and pure Ti (from Sumitomo Titanium Corp.), Nb
(from Kojundo Chemical Laboratory Co., Ltd.), Ti-Al alloy (Ti-35.7Al, from KCM
Corp.), Al-Nb alloy (Al-53.8Nb), and two types of Al powders with different
particle diameters (from Minalco Co., Ltd.) were used. The chemical compositions
and particle diameter of those powders are shown in Table 2.3, and a scanning
electron microscope (SEM) image of Ti-6Al-7Nb alloy powder is shown in
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Table 2.3 Chemical compositions and particle diameter of the powders used

Composition (mass%)

Powder O C Fe Particle diameter (um)
Ti 0.140 0.008 0.044 <45
Al Coarse - - 0.130 <45

Fine - - 0.140 <10
Nb - - 0.004 <45
Ti-35.7Al 0.620 - 0.015 <45
Al-53.8Nb 0.064 0.024 - <45
Ti-6Al-7Nb 0.157 0.023 0.083 <45

Fig. 2.12 SEM image of
Ti-6Al-7Nb alloy powder

[

AccV Mag 1 10um
150 kY % 1000

Fig. 2.12. The Ti-Al alloy powder shows higher oxygen content than Ti powder.
Those powders were weighed to obtain the chemical compositions of Ti-6Al-7Nb
and were premixed for 3.6 ks by pot mill rotator with argon gas-filled polyethylene
pot. The powder mixtures were then kneaded with binder (which contained poly-
propylene, polymethyl methacrylate, paraffin wax, and stearic acid in a weight ratio
of 30:40:29:1) by means of a pressure-type kneading machine (Moriyama Co., Ltd.,
DV1-5GHH-E) at 443 K for 8.1 ks. The powder loading was 65 vol.%. The
compounds were molded by injection molding machine (Nissei Plastic Industrial
Co., Ltd., ST20S2V) into compacts for tensile test specimen with a length of
75 mm, a width of 5 mm, and a thickness of 2 mm. After injection molding, the
extraction debinding with vaporized solvent, which was conducted at 343 K for
21.3 ks in n-hexane, was used to partially remove the wax and polymethyl meth-
acrylate. Following this treatment, thermal debinding was performed from room
temperature to 703 K in reduced pressure with argon gas current, and continuous
sintering was performed in vacuum (102 Pa order) at various temperatures for 14.4
ks, followed by furnace cooling. The vacuum furnace has both heater and vessel
made from graphite, and the compacts were set on the yttria substrate in the Mo
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vessel and were surrounded by a spongelike Ti powder. The relative density and
tensile properties were measured on as-sintered compacts. The tensile test was
conducted at a crosshead speed of 8.33 x 10> m/s in air at room temperature. The
oxygen and carbon contents of sintered compacts were determined by means of
Oxygen/Nitrogen analyzer (Horiba, Ltd., EMGA-520) and Carbon/Sulfur analyzer
(Horiba, Ltd., EMIA-920 V). Microstructural observations of sintered compacts
were conducted using an optical microscope. To determine the distribution of each
element of sintered compacts, electron probe microanalysis was also performed.

2.4.1.2 Results and Discussion

Figure 2.13 shows the effect of sintering temperature on the relative density of
Ti-6Al-7Nb compacts. The relative density of the compacts increases with increas-
ing sintering temperature and reached up to 98 % and 97 % at 1350 °C, respectively,
in contrast with 94 % for the compacts using a mixture of Ti, Nb, and coarse Al
powders.

Figures 2.14 and 2.15 show the effect of sintering temperature on the oxygen and
carbon contents of the Ti-6Al-7Nb alloy compacts. These values have sufficiently
low level so that they do not have a detrimental effect on the mechanical properties
of sintered compacts. The sintered compacts using a mixture of Ti, Nb, and Ti-Al
powders have higher oxygen content derived from Ti-Al alloy powder, which
suggests that there is difference in tensile properties between the sintered compacts
using a mixture of Ti, Nb, and Ti-Al powders and using a mixture of Ti, Nb, and
fine Al powders such as high tensile strength and low elongation.

The tensile properties of Ti-6Al-7Nb alloy compacts sintered at various temper-
atures are shown in Figs. 2.16 and 2.17. The tensile strength of all the compacts
increases with increasing sintering temperature, but it remains nearly constant with
increasing sintering temperature above 1,200 °C. The tensile strength of the
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compacts using alloy powder shows the highest value; however, a mixture of Ti,
Nb, and coarse Al powders is lower than that of the compacts using other mixtures,
even though it increases with increasing sintering temperature. The tensile strength
of the compacts using alloy powders is about 100 MPa higher than that of the
compacts using a mixture of Ti, Nb, and fine Al powders. Moreover, a compact
using alloy powder shows high elongation of above 14 % at the sintering temper-
ature of 1,250 °C.

Figure 2.18 shows the microstructures of Ti-6Al-7Nb alloy compacts sintered at
various temperatures. The microstructures of all sintered compacts consist of
acicular alpha and intergranular beta phases. The acicular alpha phases become
longer and coarser with increasing sintering temperature, which means that the
grain size of prior beta was so large for the compacts sintered above 1,250 °C. On
the other hand, the sintered compacts using a mixture of Ti, Nb, and coarse Al
powders showed many large pores in the microstructure at all sintering temperature.
These pores are considered to be the result of the dissolution of Al particles during
sintering steps, which also lead to low relative density and poor tensile properties.
In the case of the sintered compacts using Ti, Nb, and fine Al powders, although the
pores form by dissolution of Al particles during sintering steps similarly, the size of
pores is smaller than that of the sintered compacts using a mixture of Ti, Nb, and
coarse Al powders due to the small particle diameter of Al powder. Then, it is
considered that the compacts using a mixture of Ti, Nb, and fine Al powders have
high density and excellent tensile properties at high sintering temperature range.

The relative density, tensile strength, and elongation of the Ti-6Al-7Nb alloy
compacts sintered at 1250 °C for 14.4 ks are 97 %, 850 MPa, and 14 %, respec-
tively. These properties are comparable to those of the wrought materials.
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Fig. 2.18 SEM

micrographs of Ti-6Al-7TNb

compact
1200 (°C)
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2.4.2 Summary

The metal injection molding process was applied to produce Ti-6Al-4V and
Ti-6Al-7Nb alloy compacts. The sintered compacts show higher density over
95 %. It is important to reduce the oxygen content under 0.35 mass% because the
elongation would dramatically decrease from that content.

On the other hand, sintered compacts using Ti-6Al-7Nb alloy powder show
relatively higher mechanical properties than the compacts using mixed powder.
Eventually, the compacts using alloy powder are improved to be 900 MPa of tensile
strength with 15 % of elongation, which are comparable to the properties of
wrought materials.
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2.5 Fatigue Properties of Ti Alloys Fabricated by MIM

The static mechanical properties of injection molded titanium alloy compacts have
been reported so far [19-21]; however, there are few reports regarding the dynamic
fracture characteristics [22, 23]. As the dynamic fatigue behavior is of great
importance in practical use, fatigue characteristics of injection molded Ti alloy
compacts are reviewed.

Usually MIM compacts show higher than 95 % of theoretical density (TD) and
sometimes near full density. This leads to higher mechanical properties comparable
to wrought materials. However, retained pores (a few percentages) with effect as a
notch could be the starting points of crack initiation and may decrease the fatigue
limit. Recently hot isostatic pressing (HIP) to MIM compacts is conducted to
achieve higher mechanical properties [24]. In order to improve the fatigue limit,
HIP is also conducted to injection molded compacts.

Moreover, it has been reported that small additions of Cr or B to Ti alloys
produce a reduction of grain size [25, 26] due to the pinning effects against grain
growth. Also, certain heat treatments contribute to the grain refinement. Grain
refinement is beneficial to the improvement of the tensile strength and ductility.
Thus, grain refinement is also expected to improve the fatigue limit.

In this section, rotating bending fatigue characteristics of injection molded pure
Ti, Ti-6Al-4V, and Cr or B-added Ti-6Al-4V compacts are investigated using HIP
and heat treatment.

2.5.1 Materials

Metal powders used were pure titanium, Ti-6Al-4V alloy, Cr, and TiB, powders.
Table 2.4 shows the characteristics of powders used. Ti-6Al-4V and Cr powders
were mixed to form Ti-6Al-4V-4Cr. Also 0.1 mass% of TiB, powder was added to
Ti-6Al-4V powder. The fabricated specimens were referred to as Ti, Ti64, Ti64Cr,
and Ti64B.

Wax-based binders (paraffin wax 69 mass%, polypropylene 10 mass%, ethylene
vinyl acetate 10 mass%, carnauba wax 10 mass %, and di-n-butyl phthalate 1 mass
%) were used and mixed with each powder. Powder loading was 65 vol.%.

Ta;)le 2.4 Particle di;m}nleter Powder Particle diameter (pum) Oxygen (mass %)
and oxygen content of the Pore T 327 0170
powders used -

Ti-6Al-4V 33.0 0.115

Cr 9.90 0.450

TiB, 1.28 1.000




46 H. Miura et al.

Fig. 2.19 Geometry of R17
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2.5.2 Fatigue Testing

Rotating bending fatigue specimens were prepared through an injection molding
process. Specimen geometry of the mold is shown in Fig. 2.19. Before thermal
debinding, solvent debinding was conducted in vaporous heptane at 58 °C for 4 h.
Then the specimens were thermally debound at 600 °C for 2 h in argon and sintered
at 1,150-1,350 °C for 2-8 h in high-vacuum atmosphere using a vacuum debinding
and sintering furnace (Shimadzu Mectem Inc., Japan, VHSgr 20/20/20). Each
specimen was named after the sintering temperature and time used, for example,
1,350-2 means being sintered at 1,350 °C for 2 h. Moreover, heat treatment was
conducted for Ti64Cr specimens. Solution heat treatment was performed at 950 °C
for 1 h followed by aging at 560 °C for 4 h. Furthermore, HIP (1,150 °C for 1 h) was
conducted for Ti64Cr specimens to reduce porosity. For sintered specimens, den-
sity measurement, microstructure observation, oxygen and carbon content analysis,
and rotating bending fatigue testing were performed.

2.5.3 Results and Discussion

2.53.1 PureTi

Figure 2.20 shows the relative density of as-sintered unalloyed Ti specimens. The
sintered density increased with increasing sintering temperature and time.

Microstructures of the specimens are shown in Fig. 2.21. The number of pores
decreased with increasing sintering time, while the pore size seemed to become
bigger. As-sintered Ti shows an equiaxed structure, and grain growth was observed
with increasing sintering temperature and time.

The oxygen content in the sintered specimens was almost constant, around 0.2
mass%, which was greater than the original oxygen content of the powder but less
than 0.33 mass% (at which the elongation dramatically decreases by static tensile
testing [27]). The carbon content was around 0.07 mass%, which means that the
binder in green specimen was successfully debound.

Figure 2.22 shows the stress amplitude-number of cycles to failure curves
obtained by rotating bending fatigue testing. Fatigue limit increased with increasing
sintering temperature and time. Fatigue limit of wrought Ti materials by ASTM
grade 3 was about 240 MPa. Therefore, the fatigue limit of injection molded Ti
shows 64 % of the fatigue limit of wrought Ti.
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Fig. 2.23 SEM micrographs of Ti64 specimens
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2.5.3.2 Ti-6Al-4V

Sintered densities of the specimens were around 97.5 %. Their microstructures are
shown in Fig. 2.23. Pore size seemed to become bigger with increasing sintering
time. Ti64 showed the a- and pB-lamellar structure. The lamellar structure formed in
each prior p-grain, and the prior p-grain size increased with increasing sintering
time. Similarly, the oxygen content in the as-sintered specimens was almost
constant, below 0.3 mass%. The carbon content was less than 0.1 mass%.

Figure 2.24 shows the stress amplitude-number of cycles to failure curves
obtained by rotating bending fatigue testing. Fatigue limit increased with increasing
sintering time. The fatigue limit of wrought Ti64 by ASTM grade 5 was 510 MPa.
In this case, the fatigue limit of injection molded Ti64 shows 45 % of the fatigue
limit of the wrought Ti64, which is very low.
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2.5.3.3 Ti-6Al-4V-4Cr

Figure 2.25 shows the sintered density of each specimen, which increased with
increasing sintering temperature. Specimens except Ti64Cr 1150-8 showed higher
than 96 %TD. Also the specimen treated by HIP showed a relative density over
99 %TD.

The microstructures of the specimens are shown in Fig. 2.26. The number of
pores decreased with increasing sintering temperature. A few pores remained even
after HIP, and their pore diameter is around 20 pm. HIP can reduce the number of
pores; however, it cannot eliminate all pores. Ti64Cr also showed the o- and
B-lamellar structure. The prior pB-grain size increased with increasing sintering
temperature. The oxygen content in the specimens was little changed, below 0.3
mass%. The carbon content was below 0.09 mass%.

Figure 2.27 shows the stress amplitude-number to failure curves of specimens
obtained by rotating bending fatigue testing. Fatigue limit increased with increasing
sintering temperature. The specimens treated by HT and HIP showed much higher
fatigue limit.

2.5.34 Ti-6A1-4V-0.03B

The sintered density obtained was around 97 %TD. The resulting a- and p-lamellar
structure is shown in Fig. 2.28. The oxygen content in Ti64B was measured to 0.37
mass%, which is higher than the oxygen content of other specimens because of the
higher oxygen content of the original TiB, powder (1 mass%) introduced.

Figure 2.29 shows the stress amplitude-number of cycles to failure curves
obtained by rotating bending fatigue testing. Fatigue limit (fatigue limit at 107
cycles) is around 360 MPa.
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Fig. 2.26 SEM micrographs of various Ti64Cr specimens
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Fig. 2.27 Stress-number curves of Ti64Cr specimens by rotating bending fatigue testing
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Fig. 2.28 SEM micrograph
of Ti64B specimen
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2.5.3.5 Discussion

The sintered densities of all specimens are summarized in Fig. 2.30. They are
around 97 %TD. From the microstructure, the a-lamellae in Ti64Cr are thinner
than that in Ti64. Thus, the addition of Cr powder refined the microstructure.
Moreover, Ti64B shows smaller prior p-grain size than that of Ti64. Finer grain
size is also effective to improve the fatigue properties. Figure 2.31 shows the
relationship between the grain size and sintering temperature. Grain size increased
with increasing sintering temperature and time. Although the grain size of Ti64Cr
was smaller than that of Ti64, the grain size of Ti64Cr 1250-8 after HIP became
larger. On the other hand, certain heat treatment conditions could change the
smaller size. In spite of the higher sintering temperature used, the grain growth of
Ti64B seemed to be negligible.
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The fatigue limit of Ti showed 64 % that of the wrought Ti, while Ti64 showed
only 45 % that of the wrought Ti64. It is known that, in harder materials, high notch
sensitivity causes the decrease of fatigue limit. The notch sensitivity should become
higher for Ti64, which showed lower fatigue limit.

The fatigue limits of all specimens are summarized in Fig. 2.32. Ti64Cr shows
30 MPa higher fatigue limit than that of Ti64, because of the refinement of
a-lamellae. Ti64Cr HT shows 100 MPa higher fatigue limit than that of Ti64Cr.
Ti64Cr HIP and Ti64B show 55 % improvement in fatigue limit compared to the
wrought Ti64; however, they are still weaker than that of the wrought Ti64.

Fatigue ratio is the ratio of fatigue limit to tensile strength. The fatigue ratios of
all specimens are shown in Fig. 2.33. The fatigue ratio of wrought Ti materials is
around 0.4-0.6, while that of P/M material is usually around 0.3 [28]. From
Fig. 2.33, the fatigue ratio of injection molded Ti alloy specimens is around 0.3,
including HT- and HIP-treated specimens. Although the microstructural refinement
is effective to improve the fatigue limit, the results suggest that even a small amount
of remained pores could cause a significant decrease in fatigue limit.

In order to clarify the effect of retained pores on the fracture behavior such as
fatigue crack propagation, in situ replica observations were performed. At certain
cycles, the rotating was terminated and the surfaces of specimens were replicated
using acetyl cellulose film and methyl acetate. Figure 2.34 shows the photograph of
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Fig. 2.34 Surface crack by replica observation of Ti64Cr specimen at 80 % of fatigue life

a replica film for Ti64Cr. It was taken at 80 % of fatigue life. There is an 800 pm
long crack on the surface of the specimen. Fatigue cracks started from several pores
and connected each other, resulting in a longer crack.

Figure 2.35 shows the etched microstructure of the surface of the specimen after
fatigue tests to reveal the crack propagation root. Two types of crack propagation
were observed: one is transgranular fracture, and the other is intergranular fracture.
Normally, a crack that occurred in the wrought materials starts from slipping inside
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Fig. 2.35 Crack propagation behavior of Ti64Cr specimen. (a) Transgranular fracture, (b)
intergranular fracture

the grain, and then the crack goes along the grain boundary [29]. Crack initiation in
the sintered materials occurs differently. They start at pores in a grain or at the grain
boundary and then propagate easily to the next pores or along the grain boundary.
This causes the lower fatigue limit of the as-sintered specimens.

2.5.4 Summary

In this section, the fatigue properties of the injection molded Ti, Ti-6Al-4V,
Ti-6Al-4V-4Cr, and Ti-6Al1-4V-0.03B were reviewed. Fatigue limit of pure Ti
shows 64 % of the fatigue limit of the wrought material, while Ti64 shows only
about 45 %. The high notch sensitivity causes the decrease of fatigue limit of Ti64.
By addition of Cr or TiB,, the fatigue limits of Ti64Cr and Ti64B are higher than
that of Ti64 because of the microstructural refinement, especially the o- and
B-lamellae. Fracture of injection molded specimens was confirmed by in situ
observation, in which the crack initiated from the pores on the surface of the
specimen and propagated easily by connecting the pores. HIP treatment improved
the fatigue limit because of the further densification; however, a few pores still
remained in the matrix which facilitated the crack generation, resulting in still not
high fatigue limit.
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2.6 Conclusion

Complex-shaped component can be obtained through the powder metallurgy
processing route. Especially, metal injection molding (MIM) process is an
advanced net-shape processing technique for the mass production of complex-
shaped components. This technology also reduces the production cost. Sintered
compacts obtained by MIM process show high relative density over 95 % and
excellent mechanical properties. MIM process is a suitable technique for titanium
and its alloys to reduce the processing cost and material cost.

In this chapter, the tensile and fatigue properties of Ti, Ti-6Al-4V, Ti-6Al-4V-
4Cr, Ti-6Al1-4V-0.03B, and Ti-6Al-7Nb were reviewed. The sintered compacts
showed higher density over 95 %. It was important to reduce the oxygen content
under 0.35 mass% because the elongation would dramatically decrease from that
content. Sintered compacts using Ti-6Al-7Nb alloy powder showed 900 MPa of
tensile strength with 15 % of elongation, which were comparable to the properties
of wrought materials. Fatigue limit of pure Ti showed 64 % the fatigue limit of
wrought material, while Ti-6Al-4V showed only about 45 %. The high notch
sensitivity caused the decrease of fatigue limit of Ti-6Al-4V. By addition of Cr or
TiB,, the fatigue limits of Ti-6Al-4V-4Cr and Ti-6Al-4V-0.03B were higher than
that of Ti-6Al-4V because of the microstructural refinement, especially the o- and
B-lamellae. HIP treatment improved the fatigue limit because of the further densi-
fication; however, a few pores still remained in the matrix which facilitated the
crack generation, resulting in still not high fatigue limit. MIM of titanium alloy is
still a novel process and under continuous development.
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Chapter 3

Application of Smart Hot Forging Technique
in Producing Biomedical Co—Cr-Mo
Artificial Implants

Yunping Li and Chiba Akihiko

Abstract Hot forging processes in producing Co—Cr—Mo artificial implants, which
involve large strains and a high strain rate, are usually conducted at temperatures
higher than approximately two-thirds the melting point of the material. In order to
predict the optimum working condition of the workpiece with complex geometry, a
novel technique, smart hot forging technique, has been developed and was suc-
cessfully applied in optimizing both the microstructure and working condition of
Co—Cr—Mo alloy biomedical devices with complex geometry. Smart hot forging
technique is established by combining the concepts of both FEM calculation, which
can precisely predict both the geometry and working parameter (7, strain, strain
rate, etc.), and processing map, which can predict the working state of the work-
piece such as the occurrence of crack or shear band. This study emphasized on some
fundamental concepts of the processing map as well as friction and adiabatic
corrections, which are the basis of this technique.

Keywords Co—Cr-Mo alloy « Biomedical materials * Processing map ¢ Smart hot
forging technique * Correction of stress—strain curves

3.1 Introduction

Co—Cr—Mo alloys have been considered to be surgical implant materials for the use
of artificial hip and knee joint due to their excellent wear resistance, corrosion
resistance, and biocompatibility [1-12]. The representative Co—Cr—Mo alloys
for surgical implants are cast Co—Cr-Mo alloys (ASTM F-75) and hot-forged
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Co—Cr-Mo alloys (ASTM F-799 and ASTM F-1537). However, the cast Co—Cr—
Mo alloys exhibit limited ductility and fatigue strength, because of casting defects
and coarse structure [13]. The homogeneous and fine grain size of Co—Cr—Mo
alloys is desirable in order to acquire high mechanical properties [14], for which the
hot forging process is a useful method to optimize and control the microstructures.
To develop a sound product without defects such as cracks or localized shear bands,
it is important to understand the plastic flow behavior and microstructural evolution
during hot forging [15]. Moreover, microstructural evolution caused by dynamic
recrystallization (DRX) during the hot working process has an advantage in achiev-
ing enhanced mechanical properties with ultrafine and equiaxed grains [14,
16]. DRX usually occurs in fcc materials with low stacking fault energy (SFE).
Since Co—Cr-Mo alloys have an fcc crystal structure at temperatures higher than
approximately 950 °C [17-19] where the SFE of the alloy is very low [19], DRX
would be the major hot deformation mechanism. Therefore, investigating the hot
deformation behavior and microstructural evolution is very important to achieve
high mechanical properties with a fine and equiaxed microstructure [14].

Hot forging processes in producing Co—Cr—Mo artificial implants, which involve
large strains and a high strain rate, are usually conducted at temperatures higher
than approximately two-thirds the melting point of the material. A fundamental
method in investigating the working behavior of materials is analyzing the true
stress—true strain curves combined with the microstructure observation, which
reflects the intrinsic mechanical properties of materials. In order to understand
and constitutively analyze the hot workability of the materials, the processing
map based on the dynamic material model (DMM) has been adopted extensively
[20]. Processing maps, including both power dissipation and instability maps, are
developed on the basis of the DMM [21, 22].

Stress—strain curves are used in developing the processing maps — power dissi-
pation map and instability map. Thus, it is possible to obtain the optimum condition
of the forging process without resorting to expensive and time-consuming trial-and-
error methods. However, friction between the material and the tools during the
working process has to be considered before further investigation [23-31]; this is
because practical measurements of the deformation curve depart from the real
mechanical response of the materials to a certain degree. In practice, for many
metalworking processes, friction is the predominant factor. Friction affects the
evaluation of the deformation behavior of materials because the flow stress of the
sample is strongly influenced by friction; this is especially true in hot compression
processes [32], where the friction is hard to eliminate completely even when the
lubricant is added between the sample and anvil surfaces [33]. Therefore, correcting
the deformation curve for real behavior is a very important topic for both
researchers and engineers in hot working.

In addition, it has been reported that over 90 % of the input energy during
deformation is converted into heat due to adiabatic heating. This results in the softening
of the flow stress and its decreases as compared to the ideal isothermal deformation
conditions [34]. The influence of temperature rise due to adiabatic heating during
deformation on stress decrease has also to be taken into a real consideration [34].



3 Application of Smart Hot Forging Technique in Producing Biomedical. . . 59

Processing map has been proved effective in predicting the optimum condition
for hot forging of Co—Cr—Mo alloys [35, 36]. However, in an actual hot forging
process, the distributions of strain, stress, temperature, and strain rate in the interior
of the workpiece are varied significantly due to its complex geometry or the
inconstant forging condition of temperature, strain rate and strain, etc. Such char-
acteristic of the hot forging process greatly limits the further application of the
processing map in practical use. In order to predict the optimum working condition
of the workpiece with complex geometry, smart hot forging technique, which
combines both finite element method (FEM) and processing map, was developed
by Chiba and Li [37] and has been applied in the hot forging process of biomedical
Co—Cr—Mo implants successfully [38].

Thus, in this chapter, the smart hot forging technique of biomedical Co—Cr—Mo
alloys was introduced in detail. This was emphasized on some fundamental con-
cepts of processing map as well as friction and adiabatic corrections, which are the
basis of this technique.

3.2 Friction Correction and Adiabatic Correction

3.2.1 Friction Coefficient

Friction correction in this research is considered in the case that a cylindrical
sample is compressed along its longitudinal direction. It is usually assumed that
the friction coefficient over the interface between the workpiece and the tools is
constant during the working process. On the basis of these, Ebrahimi
et al. developed an upper bound theory to determine the average Tresca friction
coefficient by conducting a barrel compression test [39, 40]. According to this
theory, the average Tresca friction coefficient m for a cylindrical sample can be
determined by measuring the degree of barreling sample and using the following
equation:

=

Ru g,
I 6.1

V3 33
where f is the average Tresca friction coefficient for a hot working process: its value
ranges from O (perfect sliding) to 1 (sticking friction). Ry, and H are the radius of the
sample in the absence of bulging (or condition without friction) and final height of
the sample, respectively. The barreling factor, b, is given by the following equation:

AR H

b=4—"".
Ro AH’

(3.2)

where AR is the difference between the maximum radius (R,,) and the radius of the
original flat end surface after expansion (R,) of the cylindrical sample after



60 Y. Li and C. Akihiko

Fig. 3.1 The shape of the
cylindrical sample at true
strain levels of (a) 0.3, (b)
0.65, and (c) 1.5 at friction
coefficient of 0.5 simulated
by DEFORM-3D software
(Reprinted from Ref. [41],
with kind permission from
Springer Science + Business
Media)

compression and AH is the reduction in the height of the cylindrical sample after
compression. At low strain levels, the contact surface (radius with R.) of cylindrical
samples with anvil surface after compression was found to be formed mainly by the
original flat end surfaces of samples (radius with R,) (Fig. 3.1a); however, at higher
strain levels, the contact surfaces were observed to be formed by both the originally
flat end surface after expansion in the middle area and the external lateral surface of the
sample (Fig. 3.1b, c) due to barreling and its further contact with the anvil (R—R,). It
should be noted that Eq. 3.1 was proposed on the basis of the upper bound theory, and
from this theory, the contact surface should be completely generated from the origi-
nally flat end surface of the sample after expansion [39]. Therefore, this equation is not
applicable at high strain levels according to the abovementioned analysis.

In this study, using the DEFORM-3D FEM software, we simulated the evolution
behavior of various parameters of a cylindrical sample such as R, R., and R,,, in hot
compression processes by adjusting the average Tresca friction coefficient f. On the
basis of the results of simulation, the identification of f was carefully established just
by analyzing the abovementioned nondimensional parameters [41]. We simulated the
shape of the sample by means of the DEFORM-3D FEM software for various values
of f: in this case, f was considered to be constant or, in other words, independent of
strain in each compression process. For f= 0.5, the simulated shapes of the sample at
true strains 0of 0.3, 0.65, and 1.5 are shown in Fig. 3.1a, b, and c, respectively. When the
true strain was 0.3, it was observed that the contact surface of the compressed
cylindrical sample was formed mainly by the original flat end surface of the sample
after broadening; in this case, R, was approximately equal to the radius of the deformed
contact surface of the sample with the anvil (Fig. 3.1a). However, at strain levels of
both 0.65 and 1.5, the contact surface consists of both the original flat end surface
(characterized by the dashed line) and the annular surface due to the contact of the
lateral surface of sample after barreling.
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From the simulation results, R, R.,,, and R, as a function of friction coefficient at
different strain levels can be calculated, on the basis of which new relationships
between the parameters R, R,,, original geometrical parameter of the sample (H,,
Ry), and the friction coefficient f could be established [41]. When considering the
relationship between f and the geometry of the sample, since there are similar trends
between R. and R, from the simulation results, we just considered R, in this study
and combined it with other parameters such as the sample height after compression,
H, R,, and the initial height of the sample Hy into R,,H/RH, for each process as a
function of the true strain level, respectively. The plots show gradual decreases in
the values with an increasing strain level at each compression process. Let P = R,
H/R,H; therefore, the relationship between true strain and P in each compression
process can be exactly expressed by a spline equation as follows:

P = A+ Be + Cé?, (3.3)

where A, B, and C are variables and

A=d +bf+cf2 (3.4)
B=d +bf+cf2 (3.5)
C=da +b f+c f~ (3.6)

These parameters are constants and independent of materials or experimental
condition as given in Table 3.1. By inserting Egs. 3.4, 3.5, and 3.6 into Eq. 3.3,
the relationship between f and P can be summarized as

(a’ tadeta e~ P) + (b’ +be+ bwsz)f + (c' +ce+ cwez)fz =0 (3.7)

where P is able to be obtained easily by measuring the geometry of the deformed
sample and other parameters in this equation are available in Table 3.1 in the case of
the current sample.

On the basis of Eq. 3.7, the relationship among the nominal strain, parameter P,
and friction coefficient f is plotted in Fig. 3.2 by a contour map; the relationship
between these parameters could be observed clearly. For a deformed sample,
parameter P and nominal strain could be easily obtained; in this case, f could be
read directly from this figure [41]. For example, if a cylindrical sample was
compressed to a nominal strain of 0.5 (50 %) and the geometrical parameter
P was calculated to be about 0.68, then the friction coefficient f should be about
0.45 as shown in Fig. 3.2.

3.2.2 Friction Correction

Rowe analyzed the influence of interfacial friction between a workpiece and a tool
[42] and found that, without the influence of friction for a circular disk, the
relationship between the average axial pressure and stress is
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Table 3.1 Constant in
Eqgs. 3.7 and 3.15

Fig. 3.2 Relationships
among nominal strain,
friction coefficient f, and
parameter P in cylindrical
compression tests
(Reprinted from Ref. [41],
with kind permission from
Springer Science + Business
Media)
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Eq. 7 a/ b’ c

Value 0.99 0.016 —0.0057

Eq.7 a’ b’ o’

Value —0.84 0.93 —0.52

Eq‘ 7 a./// b/// C///

Value 0.22 —0.05 0.32

Eq. 15 a b c d
Value 0.042 —0.24 0.045 0.31

Reprinted from Ref. [41], with kind permission from Springer
Science + Business Media
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(3.8)

where r and / are the instantaneous radius and height, respectively, of the sample
and o and o, are the equivalent axial stresses without and with frictional conditions,
respectively. Dieter also proposed a Coulomb stress distribution at both end sur-
faces of the cylindrical sample [43] and found that the average axial stress (mean
height of the friction hill) with respect to the stress without friction is

where

CfZO'Z

- 2[exp(Cy) = Cp— 1]’

(3.9)
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cp=". (3.10)

In the above equation, y denotes the Coulomb friction coefficient. The relationship
between the Tresca friction coefficient f and the Coulomb friction coefficient u is

f=V3u (3.11)

It should be noted that Eqgs. 3.8 and 3.9 are based on the assumption that there is no
barreling at the edges of the sample and that the thickness is small enough so that
the average axial stress o,/c may be taken as constant throughout the sample
thickness. However, in an actual cylindrical hot working process, the sample
thickness is generally greater than its radius. In addition, the stress is considered
to vary greatly as a function of the sample height. Therefore, these two theories are
not applicable to an actual compressive test. A more precise equation for compen-
sating the stress—strain curve is therefore required for a cylindrical compression test
because the stress distributions both within the sample and at the interface between
the sample and the anvil vary with the height/radius ratio and with the friction
condition.

In the current study, we used the DEFORM-3D FEM software to simulate the
evolutionary behavior of flow stress in a sample under compression by adjusting the
average Tresca friction coefficient f. To analyze the variation of flow stress with
respect to the initial height/diameter ratio of the sample, a series of simulations
were performed for samples with various initial heights (same diameter). In this
chapter, we propose a pragmatic and simple approach to compensate the stress—
strain curve.

Models of the aforementioned samples were generated using DEFORM-3D
v6.13. To reduce the calculation time, one-eighth of the cylindrical sample with a
mesh number of 30,000 was considered in the FEM model for analysis. The values
of the Tresca friction coefficients f selected for each simulation were O for perfect
sliding and 0.1-1, in increments of 0.1, for restriction condition between the sample
top surfaces and the anvils. FEM analysis was carried out to a true strain of about
1.8 (nominal strain of approximately 85 %) [44].

The simulated compression processes were performed using a true strain rate-
controlling process of 107 s~'. In addition, the heat efficiency was chosen to be
0 in the simulation process so that adiabatic heating (temperature rise) would not
occur inside the compressed sample (it leads to softening of the flow stress in the
deformation process). All of the above settings for the simulation process are based
on the fact that the compensation of stress both from adiabatic heating and from the
stroke rate effect can be performed independently, as we mentioned above [44].

Let the dimensionless parameters ¢, and o represent the stress with and without
the influence of friction, respectively, during the compression process. Therefore,
the ratio ¢,/c is a parameter expressing the extent to which friction influences the
stress of materials. For a sample with Rastegaev geometry, the influence of friction
on the flow stress of materials is very small for strain values less than approximately
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0.6; however, at high strain levels, the stress increases sharply because of the
friction. Oh et al. [45] studied the cylindrical compression of a Ti alloy sample
with Rastegaev geometry to a true strain level of approximately 0.6-0.7 using
DEFORM-3D FEM software, and their findings suggest that stress variations due
to the influence of friction are below 5 % for strain values below 0.6—0.7, which is
in good agreement with the current results. However, they did not report any results
for higher strain levels. The results of our current study indicate that, at a high strain
level, the influence of friction is extremely large. In fact, numerous compression
tests were conducted using a high strain level to further refine the microstructure or
improve the mechanical properties of the final products. Therefore, analyzing the
influence of friction at both high and low strain levels is important. From the plot of
0,/o as a function of average Tresca friction coefficient f at different strain levels,
we find that fis linear to ¢,/c, where the slopes K of these lines are closely related to
the nominal strain levels. From the abovementioned results and for a specific strain
level, the relationship between the ratio ¢,/c and f is [44]
0;

—=1+K(e)f, (3.12)

where the slope K(¢) of the line depends on the strain
K(e) = f(e). (3.13)

The plot of the slope K(¢) can be calculated as a function of the true strain. We find
that the curve can be expressed by a third-order spline equation:

K = f(e) = a + be + ce” + de’, (3.14)

where a, b, ¢, and d are constants determined by the fitting process and their suitable
values are listed in Table 3.1. By substituting Eq. 3.14 into Eq. 3.11, correcting the
stress—strain curve for a sample with Rastegaev geometry is obtained:

O

= - 3.15
’ 1+ (a+ be+ ce? +ded)f (3.13)

where f can be calculated using the methodology developed in the previous section.
The stress without the influence of friction can be compensated by inserting the
other parameters of Table 3.1 into Eq. 3.14, regardless of the experimental condi-
tions or of the characteristics of the material.
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3.3 Adiabatic Correction

It has been reported that over 90 % of the input energy during high-speed defor-
mation is converted into heat due to adiabatic heating. This results in the softening
of flow stress and its decreases as compared to the ideal isothermal deformation
conditions [46, 47]. The temperature rise due to adiabatic heating during deforma-
tion is usually calculated by [46, 47]

AT:”—EJ ode = Te gy (3.16)
pPclo PCh

where AT is the temperature rise due to the work done on the sample, p is the
density of the sample, and ¢, is the heat capacity of the material; #,is the heat
efficiency and is empirically dependent on the strain rate as [48]

n, = 0.316logé -+ 0.95. (3.17)

From Eq. 3.17, the temperature rise and the subsequent softening are usually more
significant at high strain rates due to the short dissipation time and high input
energy. At a certain strain rate and strain level, the flow stress after adiabatic
correction can be calculated from

In(o) :E+I% (3.18)

where E =In(A - €”). An example of deformation curve biomedical Co—29Cr—
6Mo-0.12C-0.16 N alloy (T = 1150 °C, strain rate = 1 sfl) after corrections of both
friction and adiabatic heating is shown in Fig. 3.3; in this case, the friction
coefficient was calculated to be 0.52, and it can be seen that the influence of friction
on the deformation curve is not so significant below the true strain level of 0.6,
while the effect of adiabatic heating on deformation curves has a much influence on
the entire shape of deformation curves.

3.4 Processing Map

Processing map on the basis of the dynamic material model (DMM) [21, 22] is used
to constitutively analyze the hot workability of metallic materials. It is based on the
fundamental principles of continuum mechanics of large plastic flow, physical
system modeling, and irreversible thermodynamics. “DMM may be viewed as a
bridge between the continuum mechanics of large plastic deformation and the
development of dissipative microstructures in the material and encompasses the
area of deterministic chaos in describing the patterns of the dynamic response of the
material in hot deformation” [21]. This model considers that the workpiece during
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hot working process is a power dissipater and that the instant power dissipated at a
given strain rate, &, consists of two complementary parts: the G content and the J co-
content, which are related to temperature rise and the microstructure dissipation,
respectively (Fig. 3.4). The instantaneous total power dissipation P consists of two
complementary parts, G and J as

P=G+J or
b = J odé +J edo (3.19)
0 0

where the ¢ is the flow stress and G content represents the power dissipated by
plastic work and is designated the dissipater content. The J content represents the
structural mechanisms occurring dynamically during hot deformation and is desig-
nated the dissipater co-content.

The factor that partitions the power between J and G is the strain rate sensitivity
(m) of the flow stress (o); the J co-content is given by

J:Jé-daaw. (3.20)
m+1
0

Since the value of m varies nonlinearly with temperature and strain rate, the J co-
content variation is also nonlinear. The variation may be normalized with respect to
a linear dissipator for which m is unity and then the J co-content will assume a
maximum value given by Ji.x = o - £/2. For a nonlinear dissipater, the efficiency
of power dissipation may be expressed in terms of a dimensionless parameter 7. The
variation of # with the temperature and strain rate constitutes the power dissipation
map, and its domains may be interpreted in terms of specific microstructural
evolution processes as the following:
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Fig. 3.4 Dynamic
constitutive equation for a .
viscoplastic solid following 0=J(ra
power law behavior (upper /
figure) and ideal linear
dissipator (lower figure), at
constant temperature and
strain (Reprinted from Ref.
[21], with permission from
Maney publishing)
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where at a given temperature T and strain €, m can be obtained by (Fig. 3.5)

_dlno
diné |y,

(3.22)

Thus, 5 is directly related to the strain rate sensitivity 7. The variation of efficiency
n with temperature and strain rate constitutes a power dissipation map which
exhibits various domains in which specific microstructural mechanisms occur.
The efficiency map itself represents the power transactions within a continuum,
and the understanding of its origin and its interpretation in terms of atomistic
mechanisms requires a correlation with some of the concepts of irreversible ther-
modynamics. It is possible to extend the theory of deterministic chaos and interpret
the behavior in terms of domains of local order separated by bifurcations. Also, it
helps in interpreting the microstructures resulting from hot deformation as “dissi-
pative” and characterizes them in terms of atomistic mechanisms.
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In general, microstructural behaviors during hot deformation are DRX, dynamic
recovery (DRV), superplasticity, void formation, precipitation from metastable
phase, and so on. These mean that when the microstructures of the workpiece
change remarkably, the dissipation efficiencies have high values whether the
microstructural changes are beneficial to hot workability or not. Therefore, it is
needed to separate them from the harmful ones in order to use the dissipation
efficiency maps for deciding the optimum hot working condition.

The occurrence of instability has been proposed by Ziegler [49], who considered
that the transition of the plastic flow into an unstable condition is given by

b D (3.23)

dé &
where D is the dissipative function that is characteristic of the constitutive behavior

of materials; it depends on the dissipative power. D can be replaced with J, and a
condition for microstructure-related flow instabilities is obtained as
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_ Olog(m/m+1)

£(&) Slogi m< 0. (3.24)

In the preceding equations, the assumption that the flow stress obeys the power law
with & and temperature, T, is necessary because the changes in the microstructure
due to change in the deformation curve can easily be separated from the heat
dissipation or the G contour. The parameter £(¢) may be plotted as a function of
the temperature and strain rate, and the region where it is negative will exhibit flow
instabilities. The physical meaning of the above instability criterion is that if the
system does not generate entropy at a rate that at least matches with the imposed
rate, the system will localize the flow and cause flow instabilities. The instability
map can be superimposed on the power dissipation maps to obtain the regions of
flow instabilities.

In Fig. 3.6, the peak efficiency in the DRX domain is plotted as a function of
SFE, and lower-SFE metals have a lower efficiency of power dissipation from the
result of Prasad et al. [21]. There is no such kind of research regarding the peak
power dissipation efficiency of Co—Cr—Mo alloys from this result; however, we
extrapolated the optimum power dissipation efficiency of the current alloy based on
its SFE and related parameters, and it is plotted in the same figure by a rectangle,
indicating that the peak power dissipation efficiency of Co—Cr—Mo alloys in the
DRX domain should be in the range of 20-30 %.

Prior to plotting the processing map, all of the stresses at various conditions were
compensated as mentioned above. We took the Co—29Cr—6Mo-0.16N alloy, for
example. All the true stress—strain curves obtained from hot compressive test at
various conditions are given in Fig. 3.7. After correction by both friction and
adiabatic heating, the results are shown in Fig. 3.8. Typical power dissipation
map generated from the temperature range 1,000-1,200 °C and strain rate range
0.01-30 s ! for a strain of 0.65 is shown in Fig. 3.9a, b in both three and two
dimensions [50]. The contour represents constant power dissipation efficiencies
that are expressed in percentage. The maps exhibit a clear domain with peak
efficiency at approximately 1,000 °C and 0.01 s~', and the domain exhibits its
peak efficiency at about 50-60 %.

The instability map at strain of 0.65 is plotted in Fig. 3.10 [50]. By comparing the
two maps, it is observed that the region in the temperature range 1,050-1,200 °C
and strain rate range 1.0-30 s~ has the optimum condition for the forging process
(power dissipation coefficient 20-30 % and instability parameter >0). Therefore,
the optimum hot working condition for Co-29Cr—6Mo-0.16 N alloy should be in
the range of T'= 1,000—1,200 °C and strain rate above 1 s~ ' as squared by a shaded
rectangle in Fig. 3.10.

In order to evaluate the reliability of the results predicted by the processing map,
we selected four typical areas [(a) (1,000 °C, 0.1 sfl), (b) (1,100 °C, 10 sfl),
(¢) (1,100 °C, 0.1 s, and (d) (1,100 °C, 0.01 s~ 1)] for microstructure observation
by means of electron backscattered diffraction (EBSD) equipment, where both
points b and d are stable conditions and points a and c are unstable condition
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predicted by the processing map. The results are shown in Fig. 3.11 by both grain
boundary map and kernel average misorientation (KAM) map. It can be seen that
conditions at regions b and d, which are stable as predicted from the processing
map, were in good agreement with the microstructure observations, since there is
neither shear band or localization of deformation observed in these conditions, and
extremely homogeneous DRXed and fine microstructures were obtained. In addi-
tion, from their KAM maps, the residual strain in the entire microstructure was
observed to be extremely low, indicating the complete DRXed microstructure. The
condition in point a (T= 1,000 °C, 0.1 s—') was predicted to be unstable plastic
deformation from the processing map; correspondingly, the microstructure was
observed to be partially DRXed microstructure with the non-DRX area having
high residual strain inside the matrix, implying the localization of deformation. The
microstructure observation for point ¢ was predicted to be unstable by the
processing map. Although not so obvious as that in region a, the microstructure is
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Fig. 3.7 True stress—true strain curves of Co—29Cr—-6Mo-0.16N alloy obtained by hot compres-
sion tests at strain rate (SR) of (a) 0.1 s™%, (b) 1.0s™ %, (¢) 10 s !, and (d) 30 s~

characterized by both DRXed and non-DRXed microstructure, indicating the
uncomplete DRX during hot working process.

As a result, we found that the microstructure evolution of the Co-28Cr-6Mo—
0.16N alloy during hot deformation can be well predicted by the processing map
consisting of the power dissipation map and the flow instability map. These results
would be very helpful to design the hot forging processing of the sound product of
Co-28Cr-6Mo—0.16 N alloy, and applying these results to the numerical analysis,
for example, the finite element method could more accurately predict the instable
regime of the product. This will be reported in Sect. 3.4.

In summary, the results of EBSD observation and the analysis of processing map
were well matched. Thus, the processing map constructed in the present study can
be utilized for fabrication of a Co—28Cr—6Mo-0.16 N alloy by means of hot forging
processes.
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Fig. 3.8 True stress—true strain curves of Co—29Cr—6Mo—0.16N alloy obtained by hot compres-
sion tests at strain rate (SR) of (a) 0.1 s, (b) 1.0s7!, (¢) 10 s™", and (d) 30 s~ after both friction
correction and adiabatic correction

3.5 Biomedical Co-Cr-Mo Artificial Implants Produced
by Smart Hot Forging Technique

A schematic flow of smart hot forging technique is shown in Fig. 3.12. This
technique combines the concepts of FEM calculation, which can be used to
precisely predict the geometry and working state such as 7, €, &, and ¢ in the
interior of the workpiece, and processing map, which can predict the working state
inside the workpiece such as the occurrence of crack or DRX during the hot
working process. In order to obtain the processing map with high precision, both
friction correction and adiabatic heating correction have to be carried out on the
true stress—true strain curves by the methods mentioned above. On the basis of the
true stress—true strain responses of materials obtained by compressive test,
processing maps in a wide range of working conditions (7, €, &) were constructed
and transmitted into a database for the further use in FEM analysis. Constructing the
processing map database can be carried out in the processing map maker software
which was developed by Li and Chiba et al. [50, 51], where n and & can be
expressed as a function of working parameters 7T, €, and ¢ as the follows:

E=f(T,eé) (3.25)
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Fig. 3.9 The three-
dimensional (the upper
figure) and two-dimensional
power dissipation map (the
lower figure) of Co—28Cr—
6Mo—0.16N alloy at true
strain level of 0.65
(Reprinted with permission
from Ref. [50]. The
Japanese Society for
Technology of Plasticity,
ISJP)

Fig. 3.10 Instability map
of Co-28Cr—6Mo-0.16N
alloy at true strain level of
0.65 (Reprinted with
permission from Ref.

[50]. The Japanese Society
for Technology of
Plasticity, ISJP)
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Fig. 3.11 Microstructure observed by EBSD in terms of grain boundary map and kernel average
misorientation (KAM) map by the deformation in conditions of a, b, ¢, and d points of Fig. 3.10,
respectively (Reprinted with permission from Ref. [50]. The Japanese Society for Technology of

Plasticity, ISJP)
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Fig. 3.12 Schematic figures showing the flow of smart hot forging technique

and

n=f(T,eé). (3.26)
Through the User Routine function attached on DEFORM-3D software, processing
map database can be merged into the database of DEFORM-3D software. This is
important in smart hot forging technique, since after the database of both FEM
analysis and processing map is interconnected to each other, obtaining the three-
dimensional processing map of a whole workpiece with even arbitrary geometry is
possible on the basis of the working condition (7, ¢, ¢) derived from the FEM
analysis.

On the other hand, hot forging process of the workpiece with complex geometry
can be simulated by FEM analysis calculation, where the geometrical evolution as
well as the working condition such as 7, €, and ¢ distribution of the workpiece
during the working process can be obtained in detail. Incorporating the processing
map database into FEM software (DEFORM-3D), the working state in the interior
of the workpiece can be predicted before the actual forging process. This is
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meaningful in that not only the working condition of the workpiece such as 7, €, and
&, but also that the parameters of the processing map could be obtained at the same
time from Egs. 3.25 and 3.26.

Similar to the processing map, microstructure of materials can be obtained
through observing the compressed cylindrical sample in various working conditions
by means of EBSD, XRD, or optical microscope (OM). On the basis of microstruc-
ture observation in a wide range of working conditions, a database for microstruc-
ture can be established by microstructure searcher software [50, 51] and
incorporated into DEFORM-3D through the User Routine function attached on
the software.

For given materials, by combining the databases of the processing map and
microstructure with FEM simulation, both hot working condition and working state
as well as the microstructure (given that a database of the microstructure is
established) of a workpiece under an arbitrary hot forging process can be predicted
with high reliability.

In order to give a further explanation on the details of smart hot forging
technique, we take an example of Co—29Cr—6Mo—-0.16 N alloy in producing an
artificial hip joint femoral head through hot forging process. Extremely high surface
hardness is required in artificial hip joint femoral head in order to enhance the wear
resistance of the alloy, since it is subjected to a severe wear from its counterparts
during service. Alloy rod billet with equal diameter and length of 45 mm was used
in the present research. The objective head with a diameter of 30 mm will be
machined from the billet after hot forging, where the microstructure of the head
surface is hoped to be characterized by high hardness through grain refining
(Fig. 3.13). A schematic figure for the mold as well as the relationship between
the mold and billet is shown in Fig. 3.14. During hot forging, the billet was pushed
by external pressure into the cavity of the mold, where the diameter of the front
head of the billet varied from 45 mm into 35 mm in the first step and into 25 mm at
the second step in the mold, resulting in one head of the billet severely plastically
deformed into a round closed shape.

In order to obtain the optimum hot forging condition, FEM analysis on the hot
forging process of the billet was carried out using a commercially available
DEFORM-3D software. A model of rigid mold was used in the simulation. Tem-
perature variation of the workpiece due to the contact with the mold and adiabatic
heating in the interior of the workpiece was considered during FEM simulation.

The initial temperature of the billet and the mold was set to be 1,200 °C and
100 °C, respectively. Thermal conductivity and friction coefficient f between the
billet and the mold were set to be 32 kW/(m2.K) and 0.5, respectively. The true
stress—true strain curves of Co—29Cr-6Mo—0.16 N alloy after both friction correc-
tion and adiabatic heating correction in Fig. 3.8 were used in FEM simulation, and
the processing map database is established. At a hot forging rate of 40 mm/s, the
simulation results in the effective strain distribution, temperature distribution,
and the effective strain rate distribution are shown in Fig. 3.15a, b, and c,
respectively. On the basis of the distributions of temperature, strain, and strain
rate, the processing map of the billet during hot forging process, including both
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Machining

Fig. 3.13 Schematic figures showing the hot forging process of artificial hip joint head made of
Co-29Cr-6Mo alloy

Fig. 3.14 Schematic

figures showing the hot @
forging mold of artificial hip
joint head

3D power dissipation map and 3D instability map throughout the billet, is shown in
Fig. 3.15d, e, respectively.

Under this condition, approximately true strain of 0.4 was introduced
homogenously surrounding the plastically deformed region of the artificial hip
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Fig. 3.15 The simulation results in the (a) effective strain distribution, (b) temperature distribu-
tion, and the (c) effective strain rate distribution in the billet after hot forging at 1,200 °C with a
forging rate of 40 mm/s; (d) 3D power dissipation map and (e) 3D instability map of the billet were
derived from the working condition in (a) to (c)
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joint femoral head billet. In addition, during the forging process, the temperature
variation is not significant and is above 1,150 °C, and the strain rate is 1-8 s
throughout the billet. However, due to the direct contact between the billet and
mold, extremely thin layer of the outmost surface of the billet demonstrated a
drastic temperature decrease to below 1,000 °C. According to the 3D power
dissipation map and 3D instability map of the billet, derived from the condition
of temperature, strain, and strain rate as shown in Fig. 3.13a, b, and c, respectively,
the artificial hip joint head surface was subjected to a working state with power
dissipation coefficient of 15-30 % and stable condition for the head surface but
instable for the billet surface layer which will be removed in the subsequent
machining process.

Following the condition used in the simulation process, hot forging of the Co—
29Cr-6Mo-0.16 N alloy artificial hip joint femoral head billet was carried out
under 300 ton pressure. The profiles of the billet before and after hot forging are
shown in top two figures, and the amplified figure of the billet surface and the
profile of the billet after removing the outmost surface are shown in two figures
below in Fig. 3.16. The billet after hot forging demonstrates a comparable geometry
to that of simulation.

Initial rod Hot-forged

Magnified

Fig. 3.16 The profiles of the billet before and after hot forging (the top two figures) and the
amplified figure of the billet surface and the profile of the billet after removing the outmost surface
(the bottom two figures)
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As predicted by the 3D instability map of the billet in Fig. 3.15¢, the outmost
surface of the billet during hot forging was subjected to an unstable working
condition and is characterized by crack. After removing the outmost surface layer
of the billet, the substructure is free of crack, which is consistent with the results
predicted by FEM simulation as shown in Fig. 3.15e, indicating the high reliability
of the smart hot forging technique in predicting the working state of the billet
during the hot forging process.

Microstructure characterization of the initial microstructure and various posi-
tions of the billet after hot forging (positions are indicated at the bottom right figure
of Fig. 3.16) are shown in Fig. 3.17 in terms of inverse pole figure (IPF) map. The

©®
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Fig. 3.17 Microstructure characterization of the initial microstructure and various positions of the
billet after hot forging (positions are also indicated at the bottom right figure of Fig. 3.16)
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initial microstructure of the billet indicates the equiaxed grains with the mean size
of approximately 90 pm. Position @ at the center of the billet subjected to a slight
deformation (Fig. 3.15a) indicates a comparable microstructure to the initial micro-
structure. Positions @ to (5), which were predicted to be the stable working
condition, demonstrate the DRXed microstructure characterized by finer grain
size compared to the initial microstructure. In contrast, position (6), which was
predicted to be the unstable working condition, demonstrated DRX-free micro-
structure characterized by a localized deformation.
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Chapter 4
Electroforming as a New Method
for Fabricating Degradable Pure Iron Stent

Agung Purnama, Afghany Mostavan, Carlo Paternoster,
and Diego Mantovani

Abstract The first example of a documented electroforming process dates back to
1837 when a layer of electrodeposited copper was found on the surface of a printing
plate. Since then, it became a basic manufacturing process to produce delicate
metallic components such as nickel thin foils for solar panels, perforated screen-
printing cylinders used for fabric and carpet printings, digital recording devices, etc.
Recently, electroforming is used for the fabrication of iron-based materials
designed for cardiovascular stents. Electroformed iron shows a higher corrosion
rate in simulated biological environment; this behaviour is supposed to be
influenced by its microstructure which is finer than that of iron produced with
traditional techniques. A high corrosion rate can be beneficial for cardiovascular
stent applications: a complete stent dissolution in 12—18 months can effectively
prevent both late thrombosis and further treatment of paediatric patients, usually
requiring a continuous vessel remodelling. Faster corrosion rate of iron-based
material is advantageous for cardiovascular stent application in order to avoid
late stent thrombosis and arterial growth mismatch in young patients leading to a
secondary revascularization procedure. Electroformed iron has mechanical proper-
ties comparable to those of stainless steel (stent reference metal) with the advantage
of the total dissolution of the material after the accomplishment of its function: for
this reason, this metal can be considered as a valid alternative to magnesium-based
materials. Nevertheless, electroforming is influenced by parameters such as elec-
trolyte bath composition, current density, pH, temperature, additives, cathode, etc.
that have a significant effect on the structure of the produced materials.
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4.1 Introduction

Electroforming is a special form of electroplating, specifically defined by the
American Electroplaters and Surface Finishers (AESF) Society as the production
or reproduction of an article by electrodeposition upon a mandrel or mould that is
subsequently separated from the deposit [1]. Electroforming was first recognized
during the electrodeposition of copper onto a printing plate in 1837
[2]. Electroforming is considered as an alternative manufacturing process to cast-
ing, forging, drawing, machining and other traditional production techniques. Its
outstanding ability to reproduce complex shapes and small dimension manufacturs
makes electroforming a competitive process compared to other ones, suitable to be
efficiently implemented in an industrial production system [1].

Generally, electroplating is applied to obtain coatings with conductive proper-
ties, enhanced corrosion resistance or a decorative purpose. In the case of
electroforming, electrodeposited layers are used as free-standing elements,
reproducing exactly the geometrical features and dimensions of the final piece.
The use of stable permanent moulds allows a precise reproduction of the model
features and a high reproducibility of the formation process. After deposition,
electroformed layers need to be removed from the cathode because they are used
as self-standing pieces; hence, the electroformed deposits are often thicker com-
pared to the electroplated ones [3]. The cathode is the electrode acting as a mould or
mandrel, and it reproduces the precise geometry and dimensions of the final piece to
be obtained. Since electroformed deposits need to be easily removed from the
mandrel, a strong adhesion after the electroforming process should be avoided.
Nevertheless, a net detachment of the electroformed layer from the mandrel could
not be easily achieved. To solve this problem, mechanical separation procedures are
often adopted, as well as chemical and thermal approaches.

Electroforming involves a multidisciplinary background, and it comprises four
major features, including imaginative conception, engineering, electrochemistry
and materials. The imaginative conception assumes the crucial design that inte-
grates engineering concept and practicability. The engineering part consists of
design, manufacture and component adjustment for the various systems. The
electrochemistry part includes the choice of mandrel, electrolyte bath, temperature,
pH, additive, current, etc. Finally, the material part consists of characterization of
grain size, alloy composition, hardness, elongation, porosity, corrosion resistance,
tensile strength, etc. [2].

4.2 Basics of Electroforming

Electroplating involves the electrochemical dissolution of the metal at the anode,
which is transferred to the cathode, as described in Fig. 4.1. The anode serves as a
metal ion source that equilibrates the metal deposition on the cathode. For this
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Fig. 4.1 General setting of electroforming cell consisting of anode, cathode and electrolyte

reason, the anode undergoes an oxidation process releasing metallic ions into the
solution. On the other side, metallic ions are deposited on the surface of the cathode
throughout a reduction process. The thickness of the deposited layer can be
calculated with Faraday’s equation (Eq. 4.1) [4] where T is the thickness (cm),
1 is the applied current (A), and ¢ is the deposition time (s); A, is the atomic weight
(g/mol), n is the number of electron involved in the reaction, and F' is the faraday
constant (96,487 C/mol); p is the material density (g/cmS) and A is the surface area
of the cathode (cm?):

T — LA (4.1)

n-F-p-A

The transfer of matter from the anode to the cathode is realized in an electrolyte
solution, which contains ions of the same metallic element that has to be deposited.
Electrolyte solution plays an important role in determining the quality of the
products. There are at least two typical electrolyte solutions, chloride- and
sulphate-based baths. Depending on the metal being electroformed, the result
might vary depending on the type of bath. Kim et al. [5] reported that chloride
bath shows a higher current efficiency compared to that of sulphate bath when they
are used to manufacture CoFe, NiCo and CoNiFe alloys, probably due to the
catalytic activity of chloride ions in the deposition of Ni and Fe through the
formation of an ion bridge between the electrode and the metallic ions being
discharged [5]. Moreover, the use of chloride bath has been reported to produce a
ductile deposit at higher temperatures for iron electroforming, making it a common
electrolyte solution for industrial processing. However, the use of sulphate bath has
been reported to produce pure iron deposit with smoother surfaces and a low
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amount of pitting leading to thicker layers [4]. Therefore, careful selection of
electrolyte bath is highly required as a function of the material being deposited.

The shape of the deposit reproduces that of the cathode/mandrel; low adherence
between the substrate and the deposit is required to easily remove the electroformed
manufact. Metallic materials currently used for the realization of a mandrel are, for
example, titanium and stainless steel. This can be obtained by creating a passive
layer on the surface of the mandrel allowing an easier detachment of the deposit; for
this reason, sodium dichromate solution is often applied on the surface of a mandrel
made of stainless steel or nickel [3]. Moreover, when an insulating material is used
as a mandrel, the main challenge is to make the surface conductive in order to
attract the metal ions. Generally, the conductivity of such a material can be
modified or improved by the application of silver film with painting or spraying [2].

Additionally, mandrels can be divided into two categories: permanent and
temporary ones [3]. Permanent mandrels are made of metallic or nonmetallic
materials that can be formed into a precise shape with the advantage of a high
resistance against mechanical damage and/or chemical corrosion. Examples of
materials used for permanent mandrels are stainless steel and photosensitive resins
that are important materials for compact disc (CD) industry, since they allow the
reproduction of highly accurate surface details. In contrast to permanent mandrels,
temporary ones are expected to be dissolved after the electroforming process. For
this reason, metals with low melting temperature such as bismuth and tin are
normally chosen. Otherwise, reactive metallic materials such as aluminium can
also be envisaged because they can be dissolved in concentrated basic solutions
(sodium hydroxide). This procedure leaves the electroformed nickel intact because
of its resistance to strong alkaline solution [2].

4.3 Industrial Applications

The final products of electroforming can be easily found in everyday life.
Electroforming is involved in the making of screen-printing cylinder that gives
motives to our clothes, blankets, wall papers, coffee cups and even for banknotes.
Electroforming is also used to create televisions, radios and computers’ circuit
boards, and also it is used in the process for the production of the holographic logo
available on credit cards. The music recording industry uses electroforming in the
process of CD making. The patterns on the above-mentioned final products all
come from electroformed masters [2, 6].

1. Audiovisual compact discs (CDs): a single CD consists of a helical track with
30 billion pits only 0.1 pm deep and 0.4-0.6 pm wide. Size accuracy and position
precision on the track are required in order to maintain a high sound quality.

2. Electroformed foil products: nickel thin foil is vastly used for printed circuit
boards with welded connection. Nickel foil is also used to fabricate solar energy
absorbers.
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3. Mesh products: electroformed mesh products with particular patterns are used
for screen-printing cylinders in the typography industry to produce fabrics and
carpets.

4. Macro electroforms: macro electroforms are used to produce individual large
components in the aerospace industry as well as in the automotive industry.

5. Small electroforms: electroforming enables the development of micro engineer-
ing applications to produce micron-scale components for automotive, aerospace
and biomedical industry. An innovative factual application is the production of
small electric motors used in cardiovascular disease treatment. These miniatur-
ized machines can pass arteries to scour the walls and remove the plaque deposit.

4.4 Electroforming of Pure Iron

Pure iron has been proposed as a biodegradable metal due to its superior mechanical
properties when compared to those of its counterpart—magnesium alloys. Various
fabrication methods have been applied to produce iron as a biodegradable implant
including casting [7], powder metallurgy [8] and electroforming [9]. From the
processing point of view, electroforming is associated with a low production cost
and a simpler manufacturing process compared to other ones. Electroforming was
then considered as an interesting fabrication method to be explored for biodegrad-
able implant application. The first electroformed iron application for biodegradable
cardiovascular stents was reported by Moravej et al. [9]. It is considered to be an
ideal process for stent making, since a precise dimension is required to produce a
thin-walled bulk material with superior purity and adjustable microstructures.

Some parameters need to be optimized during the electroforming process such as
electrolyte composition, current density, pH and temperature. The electrolyte is a
very important factor, since it is the source of metallic ions. Several electrolytes
such as iron sulphate, iron chloride, iron sulphate—chloride, iron sulfamate, iron
fluoborate or alkaline solutions [4] are currently used in industrial applications.
Furthermore, the electrolyte composition has a significant influence on the proper-
ties of deposited iron. As previously reported [9], an electrolyte with 400 gL~
FeCl, and 80 gL' CaCl, in de-ionized water was selected to produce
electroformed iron. The solution known as Fischer—Langbein is a common electro-
lyte used to produce a ductile electroformed iron. Moreover, additives such as
saccharin and sodium dodecyl sulphate are added, respectively, as stress-reducing
and wetting agents (anti-pitting), enhancing the quality of the deposits.

Other important parameters about iron electroforming are pH, temperature,
current density and cathode material. The pH is controllable by the addition of
HCI, H,SO,4 or NaOH. It was shown that for O < pH < 3, iron chloride baths have a
significant effect on mechanical properties of electroformed iron. Electrolytes with
pH < 0 produce highly stressed and brittle deposits compared to those obtained with
pH > 3. The temperature of the electrolyte has an effect on electrodeposits’ grain
size and texture, as well as on the mechanical properties. Higher temperatures are
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associated to ductile deposits, but they tend to produce larger grain size layers with
reduced hardness, tensile strength and internal stress [5].

Current density can control the nucleation rate during the electroforming pro-
cess. Increasing the current density increases the difference in the electrode poten-
tial between its equilibrium potential and its operating potential—overpotential—
thus increasing the nucleation rate [4]. Cathode chemical composition and surface
state are also important parameters, influencing the microstructure and properties of
the deposits. In electroforming process, less adhesive cathode is preferred since the
deposited film has to be separated from the cathode after deposition. The selection
of cathode depends on the desired shape and material dimension. The material of
cathode needs to be conductive in order to transfer the electrical current required for
electrodeposition [3].

In the work carried out by Moravej et al. [10], the deposition was carried out with
a pH=1, a bath temperature of 90 °C and a current density of 2 A dm ™2 These
parameters have been proved to produce an electroformed foil with high ductility
and a lower surface roughness. Commercially pure titanium was selected as cathode
material due to its reduced adherence to iron, allowing a rapid mechanical removal
from the cathode. Foils produced with these parameters were studied to compare
their microstructure, mechanical properties and corrosion behaviour with those of
rolled iron and stainless steel 316 L. The results showed that grain size and texture
were the main factors influencing mechanical properties and corrosion behaviour in
simulated biological solution. Electron back-scattered diffraction (EBSD) revealed
that electroformed iron showed a highly oriented (111) fibre texture, and it has
columnar grains with an average size of ~4 ym (Fig. 4.2). From the mechanical
point of view, the yield strength of electroformed iron was comparable to that of
316 L SS, even though its ductility was lower because of the internal stress.
Therefore, annealing was performed to induce recrystallization due to the presence
of residual stresses in microstructure of the material, which has a higher concen-
tration of structural defects. The elongation at break changed significantly from 8 %
as produced to 18 % after annealing at 550 °C for 1 h and 30 % after annealing at
600 °C for 1 h. The average grain size after heat treatment at 550 °C was ~6 pum,
significantly smaller than that of iron produced by melting, which after
recrystallization-induced heat treatment presented an average grain size of
~25 pm. Static and dynamic degradation test on electroformed iron showed a faster
degradation rate compared to that one produced by melting. The enhanced corro-
sion behaviour of the former was correlated to its finer structure, while the latter has
a lower density of grain boundaries that makes the material less susceptible to
chemical attacks. Another cause of the higher rate corrosion of electroformed iron
is the high density of structural defects [10].
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Fig. 4.2 Orientation map of electroformed iron surface. Left: electroformed; right: after annealing
at 550 °C (Reprinted from Ref. [10], Copyright 2010, with permission from Elsevier)

4.5 Electroforming of Binary and Ternary Alloy

Metal alloying was used to improve mechanical properties and to accelerate
corrosion rate, especially for iron. Hermawan et al. [8] were the first who introduced
Mn as an alloying element for iron-based alloys cardiovascular stent. The results
showed that Fe-35Mn has superior mechanical properties close to those of 316 L
SS, the gold standard for cardiovascular stents. The corrosion rate of Fe-35Mn
doubled compared to that of rolled pure iron. Furthermore, Schinhammer et al. [11]
developed a new alloy with Mn and Pd. These elements create a noble intermetallic
phase (Fe, Mn) Pd which is responsible for both an increased degradation rate and
enhanced mechanical properties. Liu et al. [12] studied Fe—X binary alloys with
another approach. They studied the effect of Mn, Co, Al, W, Sn, B, C and S on pure
iron. They concluded that C, S, W and Co could be successfully used as potential
alloying elements for biodegradable iron-based biomaterials. In another study,
Wegener et al. [13] produced Fe—-C, Fe-P, Fe-B and Fe—Ag alloys. The effect of
P was beneficial for density and strength and useful to increase the degradation rate.

Mechanical properties and corrosion behaviour of electroformed iron still need
to be improved and fully understood. Another suitable strategy for the modification
of electroformed material properties is the deposition of layers with an alloying
element that shows a gradual amount variation over thickness. This deposition
system could create different phases and microstructures influencing the mechan-
ical properties and corrosion behaviour. The electroforming of binary and ternary
alloys has been explored in several publications [4, 14-21]; at least 22 elements
have been proposed by Schlesinger et al. [4] for the realization of iron-based alloys.
In biodegradable metal applications, it is important to choose a nontoxic element
for the human body. For this reason, some elements that are safe to be alloyed with
iron by electroforming include carbon, phosphorus, zinc, boron and cobalt.
Table 4.1 shows some data about binary and ternary alloys, which have been
applied for various purposes.

The properties of binary and ternary alloys are influenced by the kind of solid
solution formed. For mechanical properties, elements can form interstitial or
substitutional solid solutions, depending on the difference of atomic size between
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Table 4.1 Various applications of Fe-based alloys

A. Purnama et al.

Bath composition Temp Current density

(g/ml) pH | (°C) (A/dm?) Application
Fe FeCl, 0.4 1-3 | 86-198 |10 Protective shield
[14] CaCl, 0.08
Fe— FeCl, 11.8 0.3 [25-90 6 Micro electro mechanical
Co system
[15] CoCl,: balance

CaCl, 9
Fe— Ga(SOy4); 1.5 3 25 N/A Magnetostriction
Ga material
[16] FeSO,4 0.19

H3;BO; 8.1

CgHsNaz;O; 0.58

HCH,0¢ 0.23
Fe-Ni | FeCl, 400 0.5 |95 5-20 Moulding
[17] NiCl, 30

CaCl, 80
Fe-Ni |FeS04.7H,03.29 |2 70 0.1-10 Magnetic materials
[18] NiSO,4.6H,0 0.95

NacCl 0.05
Ni-Fe | NiSO4.6H,0 0.38 |0.2- |50 2-8 Lithography

3

[19] FeSO, 0.014

H3BO; 0.025

NiCl, 0.001

C,;HsNO;S 0.001

NaC;,H,5S0,

0.0005
Co— FeS0,4.7H,0O 3 30 0.3 Magnetic film
Fe 0.006
[20] CoS0,4.7H,0O

0.056

C,HsNO;S 0.004

NacCl 0.03

H3;BO; 0.025
Ni— H4N,NiOgS» 1-3 | 50-70 5 Electronic component
Fe-P |0.346
[21] H4FCN20652

0.001

H3PO,4 0.0007

H3;BO; 0.040
Fe— FeCl, 0.126 3,5 |50 5 Antifriction
C-B

(continued)
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Table 4.1 (continued)

Bath composition Temp Current density
(g/ml) pH |0 (A/dm?) Application
[4] H;BO; 0.040
C4HgO5 0.0007
C,H,,BN 0.003
Fe— FeCl, 0.020 3.5 |50 3 Antifriction
C-P
[4] CHgO5 0.0012
CsHgOg 0.003
H;PO, 0.015

the solute (added element) and the solvent (iron). If the solute atoms are equal or
smaller than the solvent ones, they can fill the interstices between the host atoms.
This process causes the distortion of the lattice, and it is responsible for the
phenomenon known as solid solution hardening. Another hardening mechanism is
present in substitutional solid solution; this kind of hardening occurs for solute
atoms large enough to replace solvent atoms in their lattice positions (Hume—
Rothery rules). Furthermore, if solute and solvent form a second phase finely
dispersed throughout the matrix of the base metal, the mechanical properties of
the matrix are increased. For corrosion properties, the presence of different phases
other than the solvent one is responsible for phenomena of micro galvanic
corrosion.

4.6 Microtube Fabrication

Electroforming has been used as a micro-fabrication technique to produce thin-
walled tubes of small diameter. For medical applications, electroforming can
factually produce stents. By this process, it is possible to easily make layers with
a thickness in the range 100-200 pm; electroforming is also suitable to produce
layers with a thickness of a few mm [22], depending on the deposition condition
and on the deposited material. Moreover, since it is possible to produce minitubes
with a single step process, electrodeposition drastically reduces the multiple work-
ing steps needed in traditional metal working processes (from billet or ingot casting
to hard drawing into a tubular shape).

Moravej et al. [23] obtained an electroformed iron tube using a tin cylindrical
cathode. Since the cathode had a low melting point, it was removed by melting at
300 °C. Subsequently, grinding and polishing were applied on the internal surface
of the iron tube to remove the remaining tin as shown in Fig. 4.3.

Laser cutting was applied after cathode melting to shape the stent in its final form
(Fig. 4.4). Annealing and polishing by acid pickling were then carried out to,
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Fig. 4.3 Cross section of an electroformed tube: before grinding (a) and after internal grinding (b)
(Reprinted under the policy of MDPI publisher—Open Access Publishing with proper citation
from Ref. [23])

Fig. 4.4 SEM micrograph of annealed cut iron tube (a) before laser cutting and (b) after acid
pickling (Reprinted under the policy of MDPI publisher—Open Access Publishing with proper
citation from Ref. [23])

respectively, homogenize the structure and relieve the stresses in the heat-affected
zone and to remove burrs and debris as a result of laser cutting. In conclusion, a
completely functional cardiovascular stent was produced by electroforming and laser
cutting with fine microstructure and equiaxed grains with an average grain size of
5 pm.

4.7 Advantages and Disadvantages of Electroforming

The major advantages of electroforming are reproducibility, precision, fabrication
of complex shapes with homogeneous thickness and the possibility to produce
manufacturs with a broad range of size. The reiterated use of the same permanent
mandrel allows a high reproducibility (few pm of thickness difference among all
the pieces produced with the same cathode) for each replicate [1]. Additionally,
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complex shapes components are also feasible with electroforming method without
involving traditional and advanced fabrication process such as pressing, drilling,
machining, deburring, welding, etc. reducing remarkably the manufacture costs to
those needed for a reusable electrolyte bath. Moreover, electroforming covers a
large-scale production in the sense of quantity since identical mandrel could be
produced by electroforming itself and be used subsequently in the same bath to
produce identical components simultaneously [24]. Furthermore, producing large
components is also possible making it as a fabrication technique with an extensive
range of size that is more advantageous when compared to the other fabrication
methods such as casting, powder metallurgy and others. Interestingly,
electroforming allows the fabrication of alloys with different structures such as
sandwich-structured alloys giving the access to tunable mechanical properties and
corrosion behaviour.

Along with its superior advantages, electroforming also presents some disad-
vantages such as the presence of internal stresses, which are produced during the
process and results in cracking and peeling of the deposits from the cathode. This
limitation is often removed by the addition of stress-reducing additives such as
saccharin, sodium lauryl sulphate or thiourea [5]. It has been reported that the
addition of saccharin significantly reduces the internal stress of electrodeposited
FeNiCo films on NiFe cathodes [25]. In the same way, saccharin has been reported
to decrease the passivation performance of CoFe alloy resulting in an enhanced
corrosion behaviour, compared to that shown by the same alloy produced with the
same bath without saccharin [26]. Moreover, electroformed components are often
found to have a nonhomogenous thickness, but this problem is solved by applying a
supplementary anode into recessed area to increase the local deposition rate
[2]. The separation of electroformed components from the cathode is sometimes
difficult; hence, mechanical as well as chemical or thermal treatments are fre-
quently employed to solve this problem [3]. Another critical parameter for the
electroforming process is the deposition time. Low current densities are often used
to avoid the formation of a high number of defects [27], but for this reason, the
deposition time is often prolonged. Some techniques have been reported to over-
come this inconvenience, either by operating parallel production lines or by rotating
the mandrel with high relative velocity. This expedient increases the permissible
applicable current density without increasing the defect density but decreasing the
deposition time [28].

4.8 Degradation Behaviour and Biocompatibility Aspects
of Electroformed Iron

The degradation behaviour of electroformed iron plays a key role in determining its
biocompatibility. Through the degradation process, electroformed iron dissolves
over time, leaving a fully remodelled artery. The dissolving process of iron gener-
ates degradation products released in the body in the form of ions, hydroxides, gases
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and particulates. These degradation products could potentially harm the surround-
ing tissues especially if they are generated abundantly and within a relatively short
period. In order to understand how electroformed iron could harm the surrounding
cells, it is important to assess the biodegradation mechanisms. The mechanism of
biodegradation for electroformed iron or simply iron in general can be separated
into the following steps (adapted from [29]).

4.8.1 Initial Degradation

After the stent placement into the artery, iron is oxidized to metallic ions in anodic
spots according to Eq. 4.2. This anodic reaction generates electrons, which are
subsequently engaged in the cathodic reaction that reduces the oxygen that
dissolved in the body liquid (Eq. 4.3). These reactions occur all over the surface
due to the different potentials between the metal matrix and the intermetallic phases
or surface defects (such as grain boundaries):

Fe — Fey . + 2e” (4.2)
2H,0 4+ O, +4e” — 40H™

4.8.2 Hydroxide Layer Formation

Metal ions from Eq. 4.2 then react with the hydroxyl ions from Eq. 4.3, generating
insoluble iron hydroxides on the surface following Eq. 4.4:

Fe’* + nOH™ — Fe(OH), (4.4)

4.8.3 Pit Formation

Since the formation of the hydroxide layer on the surface is not homogeneous,
negative chloride ions penetrate the hydroxide layer forming metal chloride, to
compensate the increase of metal ions. Iron chlorides are then hydrolysed by water
resulting in the formation of free acid (Egs. 4.5 and 4.6), which leads to an
autocatalytic reaction and to the formation of pits:

Fe’t +2C1~ — FeCl, (4.5)
FeCl, + 2H,0 — Fe(OH), + 2HCI
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4.8.4 Calcium/Phosphorus Layer Formation

Calcium ions and phosphates forming apatite are then deposited on the stable
hydroxide layers; this is due to the saturation of calcium and phosphate in the
body fluid and to the local pH change.

4.8.5 Degradation and Layer Disintegration

As the degradation layers are formed, endothelization of the degradable metallic
stent (DMS) and device incorporation in body tissues occurs. Cell action causes the
disintegration of the corrosion layers into irregular particles that can be enclosed in
the fibrous tissue by macrophages, depending on the size of the debris. The DMS
degrades progressively under the activity of cells, as previously described, until it
completely disappears.

The application of electroformed metal for medical devices is still limited,
probably due to brittleness, presence of impurities and internal stress, which are
produced during the electroforming process. For this reason, there are only several
metals that are commercially produced by electroforming such as copper, nickel
and iron [6]. Only electroformed iron has been thoroughly explored for the fabri-
cation of cardiovascular stents. As a degradable metal, electroformed iron has been
reported to have a fine grain structure of 4 um resulting in high yield strength,
360 MPa, and ultimate tensile strength of 423 MPa, higher than those of other
metallic biodegradable metals. Moreover, annealing at 550 °C was found to
improve its ductility [9]. Electroformed iron showed a degradation rate of
0.25 mmpy, which is higher than iron produced by traditional techniques
(0.14 mmpy). Even though electroformed iron did not affect cellular metabolic
activity, it had a significant effect on cellular proliferation [10]; this effect is
considered as advantageous to avoid in-stent restenosis [10, 30].

4.9 Future Perspective

Up to now, electroforming has been found to produce layer with microstructural
and mechanical properties compatible for cardiovascular devices. Even though the
degradation rate of electroformed iron is faster than that of rolled iron, it is
considered to be not sufficiently high since 10-12 months is the period usually
needed for artery remodelling [29]. Considering that the average stent strut is
around 100 pm, the ideal in vivo degradation rate should be in the range of 0.08—
0.12 mmpy. Previous experiences and experts suggest that in vitro degradation
should be increased by a factor of 6 to evaluate the in vivo value, giving the idea
that the expected in vitro degradation rate is 0.48-0.72 mmpy.
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In order to increase the degradation rate of electroformed pure iron and to
achieve the expected dissolution rate, some elements could be integrated as impu-
rities. Some of these are manganese, palladium, carbon, tungsten and cobalt. A
content of 35 % (mass %) manganese was used to create a Fe—-Mn alloy with
accelerated degradation rate compared to that of pure iron [31]; the addition of 10 %
(mass %) manganese and 1 % palladium (mass %) to pure iron was also reported to
decrease the corrosion resistance [11]. In the same sense, the addition of 3 % (at %)
of carbon, tungsten and cobalt into pure iron resulted in a significant increase of its
degradation rate [12]. In relation to this issue, a current challenge for the
electroforming method is to integrate a specific amount of alloying elements to
pure iron in order to have the expected corrosion rate together with appropriate
mechanical properties. For this reason, optimization process and bath composition
need to be deeply studied.

Another interesting issue is the fabrication of small diameter tubular structures
(minitubes) whose production through electroforming could be extremely simpli-
fied, if compared to the steps needed with the traditional techniques. The fabrication
of complex forms can reasonably be achieved by electroforming, depending on the
shape of the involving cathode. The direct fabrication of minitubes could simplify
the manufacturing procedures of cardiovascular stent production, having a strong
impact on time and economical aspects of the fabrication process.

4.10 Conclusion

Electroformed iron has revealed its potential for cardiovascular stent applications.
The degradation rate of this material is significantly higher than that of rolled pure
iron, and its mechanical properties are comparable to those of stainless steel, but a
relevant improvement of its degradation rate is envisaged. For this reason, other
elements could be integrated during the electroforming process acting as impurities
and increasing the material degradation rate. Manganese, palladium, carbon, tungsten
and cobalt are all known elements accelerating the degradation rate of electroformed
iron. The correct integration of these elements is one of the issues of the present study
of electroforming processes, as they need an extensive experimental assessment in
order to achieve optimized systems. The development of electroformed iron enriches
the choice of biodegradable metals available for cardiovascular stent [32] and
expectedly useful for other applications such as bone implants [33, 34].
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Chapter 5
Bioactive Ceramic Coatings

Hirotaka Maeda and Toshihiro Kasuga

Abstract Some kinds of metals, such as titanium and its alloys, bond directly to
living bone without fibrous tissue. One of the key techniques for enhancing bone-
forming ability of the metallic biomaterials is to modify their surface using bioac-
tive ceramics. This chapter introduces various coatings on the metals to give high
bioactivity, which is to have an effect on bonding to living bone. The first section is
concerned with bioactive ceramic coatings using calcium phosphates or calcium
silicates. These coatings show high bonding strength and enhance the biocompat-
ibility, which refers to ability of materials to interact with living tissue and cells,
in vivo and in vitro. The next section describes bioactive glass and glass-ceramic
coatings on the metal surface. These materials have a significant advantage in that
their chemical/physical properties can be controlled by the choice of the chemical
composition. The third section is concerned with modification of Ti and its alloys
for forming bioactive oxide layers.

Keywords Bioactivity ¢ Calcium phosphate « Calcium silicate, ¢« Bioactive glass ¢
Titanium oxide

5.1 Introduction

Some kinds of metals, such as titanium and its alloys, are widely used as materials
for orthopedic and dental implants because of their nontoxicity and advantageous
mechanical properties. They can bond directly to living bone without fibrous tissue
for a long period after implantation. The surface modification of the metals can
assist the osseointegration with surrounding tissues.

Various kinds of ceramics and glasses, such as hydroxyapatite (HA) and
Bioglass®, bond to living bone with mechanically high strengths in a short period
without fibrous tissue, which are often called bioactive ceramics. One of the specific
characteristic properties is to form hydroxycarbonate apatite (HCA) layer on the
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Table 5.1 Ion concentration of SBF in comparison with those of human blood plasma

Ion Ca** |Na* |[Mg** |K* |CI” HCO;~ |HCO,~ |SO,*~
SBF (mM) 25 1420 |15 5.0 |148.8 4.2 1.0 0.5
Human blood plasma 2.5 142.0 |15 50 |103.0 |27.0 1.0 0.5

(mM)
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Fig. 5.1 Schematic presentations of the origin of the negative charge on the HA surface (in case of
the (100) projection of crystal structure), and the process of bonelike apatite formation thereon in
SBF (Reproduced from Ref. [4] by permission of The Royal Society Interface)

surface when they are exposed to physiological fluid [1]. The HCA crystals form
the bonding between the ceramics and living bones.

In in vitro evaluation of bioactivity, an acellular simulated body fluid (SBF),
which is produced by Kokubo, can reproduce the formation of HCA on bioactive
ceramics in vivo [2]. SBF is a Tris buffer solution, which includes 50 mM of
(CH,0OH)3;CNH, and 45.0 mM of HCI, with ion concentrations equal to those of
human blood plasma excepting that of HCO3;™ and Cl, and its HCO5;™ concentra-
tions are lower and CI™ is higher than those of human blood plasma [3]. The
difference of ion concentrations between SBF and human blood plasma is shown
in Table 5.1. The formation mechanism of HCA on HA in vitro model using
SBF has been proposed as shown in Fig. 5.1 by Kim et al. [4]. HCA forms via
amorphous calcium phosphates as the precursor. The HCA formation is related with
electrostatic interaction between calcium and phosphate ions in SBF and the surface
of HA.

Bioactive ceramics are suitable for bone substitutes owing to their properties
in vivo. However, the fracture resistance is not enough to replace the bone under
load bearing. A bioactive ceramic coating on metals takes advantages of the
excellent mechanical properties of the metals and accelerates the osseointegration.
Some kinds of bioactive ceramic coatings on metals are introduced in this chapter.

5.2 Bioactive Ceramic Coatings

5.2.1 Hydroxyapatite

HA, which shows a similar chemical composition and crystal structure as apatite in
the human bone, has been used in clinical bone graft procedures for the past
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25 years because of their high bone-bonding ability. Therefore, HA coating is one
of the key techniques for the surface modification of metallic implants. Several
techniques have been used to fabricate HA coatings on metallic implants, for
example, plasma spraying, sputtering, slurry dipping, electrophoretic deposition,
and biomimetic coating. Advantages and disadvantages of various methods for HA
coatings on Ti—6Al-4V substrate are shown in Table 5.2, as reported by Mohseni
et al. [5].

The Food and Drug Administration (FDA) approves plasma spraying only as the
HA coating technique. In a plasma-spraying method, ceramic powders are
suspended into plasma flame, and then, the melted powders are sprayed on the
surface of substrates. This method has advantages on rapid deposition rate and less
risk of the thermal degradation than other high-temperature process. De Groot
et al. firstly reported HA coatings on a titanium substrate by plasma-spraying
technique [6]. In vivo tests showed that bone bonding to the HA coatings was
almost the same as HA bulk ceramics. However, it is well known that the fracture
occurs almost entirely at the interface between HA and metal substrate under push-
out test condition. The plasma-sprayed coatings show poor adhesion strength
between the coatings and substrates, compared with other coating techniques. The
improvement of the strength is to use high spraying power because the coatings
have a dense microstructure. It has been reported that the coatings showed a higher
bonding strength by reduction in the residual stress originated from the substrate
temperature and cooling condition [7]. For enhancing the mechanical properties of
plasma-sprayed HA coatings, yttria-stabilized zirconia powders were mixed with
HA powders as a starting material [8]. The bonding strength, fracture toughness,
and Young’s modulus of the composite coatings were improved with increasing the
zirconia content. This paper suggested that the molten state of zirconia particles
plays an important role in increasing the mechanical properties of the composite
coatings. Another report on alternative plasma spraying has shown that a thin and
good adhesive HA coating on titanium substrate was successfully fabricated by
pulsed laser deposition using sintered HA [9].

Sputtering, which is a physical vapor deposition method, utilizes gas plasma,
such as argon, to remove materials from a target as a source and to deposit them as a
thin film coating on a substrate. The sputtering can successfully fabricate homoge-
neous thin coatings with high adhesive strengths. On the other hand, it is well
known that the sputtered coatings show a low crystallinity and a higher Ca/P ratio
than stoichiometric HA. Van Dijk et al. reported thin HA coatings on titanium
substrate by radiofrequency (RF) magnetron sputtering [10]. The annealing condi-
tions played an important role in the change in crystalline phases of as-sputtered
coatings. Addition of water vapor under the annealing using argon flow accelerated
crystallization and phase transformation. The HA coating on Ti—-6Al-4V substrate
fabricated by sputtering showed the highest adhesion strength among those fabri-
cated by common techniques [5].

Electrophoretic deposition (EPD) is one of the colloidal processing techniques
using electrophoresis mechanism for moving charged particles in a suspension
under electric fields. EPD shows advantages in fabrication of ceramic coatings
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Table 5.2 Different techniques to deposit HA coating

H. Maeda and T. Kasuga

Technique Thickness Advantages Disadvantages
Plasma <20 pm Rapid deposition; sufficiently | Poor adhesion; alternation of
spraying low cost; fast bone healing; HA structure due to coating
less risk for coating process; nonuniformity in
degradation coating density; extreme
high temperature up to
1,200 °C, phase transforma-
tion and grain grow of sub-
stance due to high-
temperature procedure;
increase in residual stress;
unable to produce complete
crystalline HA coating
Thermal 30-200 pm | High deposition rates; low Line of sight technique; high
spraying cost temperatures induce decom-
position; rapid cooling pro-
duces amorphous coatings;
lack of uniformity; crack
appearance; low porosity;
coating spalling and interface
separation between the coat-
ing and the substrate
Sputter coating | 0.5-3 pm Uniform coating thickness on | Line of sight technique;
flat substrates; dense coating; | expensive, time consuming;
homogenous coating; high produces amorphous coat-
adhesion ings; low crystallite which
accelerates the dissolution of
the film in the body
Pulsed laser 0.05-5 mm | Coating with crystalline and | Line of sight technique;
deposition amorphous; coating with splashing or particle deposi-
dense and porous; ability to tion; need surface
produce wide range of multi- | pretreatment; lack of
layer coating from different uniformity
materials; ability to produce
high crystalline HA coating;
ability to restore complex
stoichiometry; high degree of
control on deposition
parameters
Dip coating <1 pm Inexpensive; coatings applied | Requires high sintering tem-
quickly; can coat complex peratures; thermal expansion
substrates; high surface uni- mismatch; crack appearance
formity; good speed of
coating
Sol-gel 0.1-2.0 pm | Can coat complex shapes; low | Some processes require con-

processing temperatures; rel-
atively cheap as coatings are
very thin; simple deposition
method; high purity; high
corrosion resistant; fairly
good adhesion

trolled atmosphere
processing; expensive raw
materials; not suitable for
industrial scale; high perme-
ability; low wear resistance;
hard to control the porosity

(continued)
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Table 5.2 (continued)
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Technique Thickness Advantages Disadvantages
Electrophoretic | 0.1-2.0 mm | Uniform coating thickness; Difficult to produce crack-
deposition rapid deposition rate; can cost | free coatings; requires high
complex substrates; simple sintering temperatures; HA
setup; low cost; high degree decomposition during
of control on coating mor- sintering stage
phology and thickness; good
mechanical strength; high
adhesion for n-HA
Hot isostatic 0.2-2.0 mm | Produces dense coatings; pro- | Cannot coat complex sub-
pressing duce net-shape ceramics; strates; high temperature
good temperature control; required; thermal expansion
homogeneous structure; high | mismatch; elastic property
uniformity; high precision; no | differences; expensive;
dimensional or shape removal/interaction of
limitation encapsulation material
Ion beam- <0.03 pm Low-temperature process; Crack appearance on the
assisted high reproducibility and reli- | coated surface
deposition ability; high adhesion; wide
atomic intermix zone at
coating—substrate interface

Reprinted from [5], Copyright 2014, with permission from Elsevier

having dense packing and homogeneous microstructure. Zhitomirsky et al. reported
firstly that HA powders, which were prepared by a chemical precipitation, were
successfully deposited by an EPD method using isopropyl alcohol as a solvent of
the suspension on Ti—6Al-4V with anodic films [11]. Many works have been
conducted on the sizes and morphology of HA, the conditions of the electric
field, the concentration of the suspension, and the kinds of the solvent and disper-
sant for HA coatings prepared by EPD [12, 13]. EPD could successfully fabricate
HA coatings with 90 pm in thickness on porous titanium substrate [14]. HA
coatings on metallic titanium and stainless steel substrates prepared by an EPD
and sintering showed more than 10 MPa of interfacial shear stress measured in
accordance to ASTM standard F1044-87, indicating a good adhesion [15]. The
shear strengths of the HA coating on the stainless steel were higher than those on
the metallic titanium because of the less damaging effect derived from residual
stress after sintering.

It has been reported that porous structure of HA coatings is one of the important
keys for improving the fixation of implant through bone ingrowth into their pores
[16]. HA coatings with controlled porosity on 316L stainless steel were prepared by
an EPD using carbon black particles as a porogen [17]. In isopropanol as a solvent
of suspension, HA/carbon black composite particle showed net positive surface
charge by heterocoagulation of the HA nanoparticles with positive charge on
carbon black particles with negative charge. The deposition rate depended on the
concentration of carbon black in the suspension. The microstructures of the coat-
ings deposited from the suspension before and after sintering were changed under
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the condition of the suspension, as shown in Fig. 5.2. In the case of EPD coating
without sacrificial phases, the control of pore size and porosity in the coatings is
limited. When sacrificial phases are used in the EPD method, the porous properties
of the coatings can be controlled by changes in the particle size distribution of
particles as sacrificial phases and their concentration in the suspension.

EPD method is attracting increasing attention as an effective coating technique
using functional biopolymer, for example, chitosan and alginate, at room temper-
ature. The composite coatings consisting of alginate and Bioglass® have been
reported to be successfully fabricated on 316L stainless steel by using direct current
and alternating current in an EPD method [18]. The preparation of composites
consisting of bioactive ceramics and biopolymer by EPD is well established, as
reviewed elsewhere [19].

5.2.2 Other Calcium Phosphates

Much attention has been paid to HCA as a novel biomaterial, since HCA is very
similar to the apatite phase in living bone in its chemical composition and crystal
structure and shows high osteoconductivity, as well as good bioresorbability
[20]. This has been introduced as a preparation method for HCA coating on the
metals, polymers, and ceramics based on immersion in SBF, termed ‘““a biomimetic
method” [21, 22].

This method has an advantage over conventional coating techniques in the
materials that can be homogeneously coated with nano-sized HCA without the
need of a heating process. Two indispensable conditions are needed for the forma-
tion of HCA coating on materials using SBF as follows [23]:

1. Existence of surface functional groups that induce nucleation of HCA, for
example, Si—-OH, Ti—~OH, and COOH
2. Increase in the supersaturation of HCA in SBF

HCA coatings have been successfully fabricated on commercially metallic
titanium after at least 1 week of soaking in SBF utilizing Ti-OH groups on the
surface [24]. SBF concentrated more than five times with CO, gas has been
prepared to accelerate HCA coating process [25]. The use of SBF x 5 can deposit
homogeneous calcium phosphate coating within 1 day. Table 5.3 shows kinetic
study and precipitate phases of the formed coatings using various SBFs. Mg?* ion
was a stronger inhibitor for HCA formation than carbonate ion under the SBF x 5
condition.

The HCA coating process using SBF can be also applicable to polymer sub-
strates. Tanahashi et al. have succeeded in dense and uniform HCA coating with
more than 3 MPa of adhesive strength on poly(ethylene terephthalate) (PET),
polyether sulfone, and poly(vinyl alcohol) hydrogel [26]. This process has two
steps, as shown in Fig. 5.3. A polymer substrate, which was in contact with CaO—
Si0, glass particles, was soaked in SBF for forming HCA nuclei on the substrates.



5 Bioactive Ceramic Coatings 109

Tpem

X A

Fig. 5.2 SEM images of the coatings deposited at 60 V and 30 s from suspensions with 20 g/L HA
and different concentration of carbon black particles: 0 g/L (a—c), 5 g/L (d-f), 10 g/L (g-i),
and 20 g/L (j-1) before sintering (a, d, g, and j) and after sintering at 700 °C for 1 h (b, e, h, and k).
(c, f, i, and 1) are the results obtained from the image analyzing of (b, e, h, and k), respectively
(Reprinted from [17], Copyright 2014, with permission from Elsevier)



110 H. Maeda and T. Kasuga

Table 5.3 Kinetics of precipitation and coating formations of the various experiments

Precipitation Coating

formation formation Precipitate Slope
Experiment pH |Time (h) |pH |Time (h) | structure (/h)
SBF x 5 6.7 |4, 68 |5 AmCO;-CaP® 0.11
SBF x 5 (Mg x 0) 67 |6 / / CO5-Ap° 0.14
SBF x 5 (Mg X 3) 67 |4 6.8 |4/, AmCO;-CaP® 0.15
SBF x 5 (Mg x 8, 6.6 |[15', 6.6 |[15', DCPD* 0.12
HCO; x 0)
SBF x 5 (Mg x 8, 64 |1 7.0 |10 COs5-Ap/calcite | 0.12
HCO; x 8)

Reprinted from [25], Copyright 2014, with permission from Elsevier
“DCPD: brushite

®AmCO;-CaP: amorphous carbonated CaP

“CO3-Ap: carbonated apatite

—— SBF | = 1.5SBF
~ 365C | : 36.5 C
Substrate
] g A Apatite
Polystyrene

bottle LS
/

Glass G(150 -300 gm¢) Substrate

Nucleation of apatite Growth of apatite

Fig. 5.3 Biomimetic methods for forming the bonelike apatite layer on various substrates
(Reprinted with permission from Ref. [26], Copyright 1994, American Ceramic Society)

And then, the treated substrate was soaked in 1.5 times SBF for the growth of HCA
nucleus. Individual constituents’ fine fibers consisting of PET could be uniformly
coated with HCA layer. This had flexibility without peeling off the HCA coating.

Another HCA coating method has been also reported to use calcium carbonate
particles of vaterite crystalline structure combined with a biomimetic method.
Homogeneous vaterite particles with around 0.5 pm in diameter were deposits on
the surface of different polymer substrates, such as ligaments and 3-D macroporous
foams, by a slurry dipping technique using ethanol as a solvent, as shown in
Fig. 5.4. The polymer substrates covered with a HCA layer were prepared by
soaking of the polymer/vaterite composites in SBF within 7 days. This method
can induce HCA coatings for surface modification of various polymers, for exam-
ple, poly(e-caprolactone), poly(DL-lactide), and polyester [27, 28].
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Fig. 5.4 SEM images of vaterite/PDLLA composite foams prepared using ethanol slurry dipping
process, after immersion in SBF for 7 days showing formation of the HCA layer at (a) low, (b)
medium, and (c¢) high magnification (Reprinted from Ref. [27], with kind permission from
Springer Science + Business Media)

In the series of synthetic calcium phosphate ceramics, many researchers have
investigated on f-tricalcium phosphate ($-TCP) and biphasic calcium phosphate
(BCP) because they show bioactivity and higher solubility compared with HA. BCP
is a mixture of HA and p-TCP, and their solubility depends on the p-TCP/HA ratio
[29]. B-TCP or BCP coatings are successfully fabricated by plasma spraying and RF
magnetron sputtering [30, 31]. Bone formation has been observed at the surface of
these coatings in vivo.

5.2.3 Calcium Silicates

Wollastonite (CaSiO3) has been investigated on bone substitutes for more than
20 years because of its excellent biocompatibility. Moreover, wollastonite shows
higher HCA-forming ability in SBF than bioactive glasses [32]. Porous wollastonite
CaSiOj; ceramics have been also reported to be superior to f-TCP in terms of
degradability and inducing bone formation in vivo [33]. Wollastonite coatings
containing amorphous phase on titanium alloys were fabricated by atmosphere
plasma spraying [34]. Figure 5.5 shows SEM micrographs of as-sprayed wollas-
tonite coatings. The coatings had microcracks, pores with several tens micrometer
in size, and rough surfaces without cracks between coatings and substrate. HCA
formed on the coatings after 1 day of soaking in SBF.

Dicalcium silicate (Ca,SiO,4) coatings on titanium alloys by plasma spraying
show a higher bonding to the substrate than HA coatings [35]. That is, dicalcium
silicate acts as a bond coat to improve the bonding strength between HA coatings
and titanium alloys. When y-Ca,SiO, is used as a coating material on Ti—-6Al-4V,
as-plasma-sprayed coatings consist of f-Ca,SiO,4 and glassy phase and have around
40 MPa of the bonding strength to the substrate [36]. HCA forms on the dicalcium
silicate coatings via silica-rich layer after soaking in SBF within 2 days. The HCA
formation in SBF of the plasma-sprayed calcium silicate coatings has been pro-
posed to play an important role in the formation of a hydrated silica layer with
functional groups due to ionic exchange between Ca®* ions in the coatings and
proton in SBF.
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wollastonite

substrate

66 pm

Fig. 5.5 SEM photographs of as-sprayed wollastonite coatings: (a) and (b) surface morphology;
(c) cross section (Reprinted from [34], Copyright 2014, with permission from Elsevier)

As other calcium silicate series, dense diopside CaMgSi,O¢ bulk ceramics have
been reported to induce bone formation in vivo [37]. The calcined diopside
CaMgSi,0g powders derived from a sol-gel method have been successfully coated
on metallic titanium after a thermal treatment for application to dental
implants [38].

5.3 Bioactive Glass Coatings

5.3.1 Silicate-Based Glasses

The first bioactive glass with Na,O-CaO-P,05-SiO, system was discovered by
Hench et al. [39]. The glass composition is 46.1 mol% of SiO,, 24.4 mol% of Na,O,
26.9 mol% of CaO, and 2.6 mol% of P,0Os, which is named as Bioglass® and 45S5.
The glass can form bond with living bone [40]. Interest has increased in bioactive
glasses, and there is some flexibility in the composition of glass-based materials. In
the past decade, bioactive glasses have been reported to be able to enhance the
bone-forming ability of osteoblasts by gene activation [41]. The preparation and
cell compatibilities on bioactive glasses are well established, as reviewed elsewhere
[42, 43]. These materials have a significant advantage in that their chemical,
physical, and biological properties can be manipulated by chemical compositions.

It is also well known that glass-ceramics containing crystalline apatite and
wollastonite (glass-ceramic A—W) in the MgO-CaO-SiO,-P,05 system bond
with living bone in a short period under load-bearing condition in vivo [44]. This
type of glass-ceramic showed excellent mechanical properties due to precipitation
of wollastonite crystals in matrix [45]. Bioactive glasses and glass-ceramics are two
of the coating materials for improving the performance in vivo of metallic implants.
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Fig. 5.6 Scanning electron micrographs and electron probe microanalysis (full scale: Ca, 1,000
cps; Si, P, 500 cps; Ti, 200 cps) of plasma-sprayed titanium alloys. (a) Interface of Bioglass®
coating layer and bone tissue at 8 weeks after implantation. (b) Interface of glass-ceramic A—W
coating layer and bone tissue at 8 weeks after implantation. (¢) Interface of B-TCP coating layer
and bone tissue at 24 weeks after implantation (Reproduced from Ref. [46] by permission of John
Wiley & Sons Ltd)

Bioglass® (45S5), glass-ceramic A—W, and -TCP coatings on titanium alloys
fabricated by plasma spraying induce bonding between living bone and the coatings
at an early stage after implantation [46]. Figure 5.6 shows scanning electron
micrographs and electron probe microanalysis of the plasma-sprayed coatings.
Calcium phosphate layer forms at the interface between the glass-ceramic A-W
and bone. In the case of Bioglass® coating, there existed a silicon-rich layer and
calcium phosphate layer at the interface. The B-TCP coating bonds without calcium
phosphate layer to the bone. Each plasma-sprayed coating showed bioactivity with
different bone-bonding mechanisms. On the other hand, histological evaluation
showed a gap and detachment between the metals, and the coatings were observed
in each plasma-sprayed coatings after 8 weeks of implantation. The breakages after
detachment tests occurred in the plasma-sprayed coatings and between the sub-
strates and the coatings. In addition, the plasma-sprayed titanium alloys with glass-
ceramic A—W showed lower failure loads, which mean the adhesive strength
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between the coating and substrate using detachment tests, after implantation than
bulk glass-ceramic A—W.

An enameling technique is proposed as an alternative method to coat the metallic
implants with a bioactive glass. This is a simple method to deposit bioactive glasses
on the metals using suspensions containing the glasses and to heat the deposited
metals for making glass flow and adhering. Pazo et al. reported firstly bioactive
glass coatings on titanium alloys by a simple enameling method [47]. Three types of
glasses in the Si0,—Na,O-K,0-CaO-MgO-P,0O5 system showed an excellent
adhesion to the alloys without interfacial fracture by heating between 800 and
850 °C. In the case of less than 750 °C of heating, the coatings had porous structure
and poor adhesive strengths. When the alloys deposited with glasses were heated at
more than 850 °C and treated more than 1 min, dewetting and/or interfacial reaction
occurred, as shown in Fig. 5.7. In this technique, two important factors are needed
to design for the composition of glass as a starting material.

The tuning of the glass composition is needed to be matched with the thermal
expansion of the metal (Ti: 9.4 x 10~%°C~! at 400 °C). The metallic titanium and
its alloys transform from «- to p-phase, e.g., at 955-1,010 °C for Ti-6Al-4V. To
conduct the heat treatment below the transformation temperatures, it is desirable
that the softening temperature of the glass is enough to low. Reactivity between the
glass and the metal can be also controlled by an atmosphere in addition to temper-
ature and time during the heat treatment, as shown in Fig. 5.8 [48]. Good adhesion
in Fig. 5.8 means dense coatings without delamination even after Vickers indenta-
tion tests. The coatings prepared by using glasses containing silica contents less

Fig. 5.7 SEM photographs
of cross sections of
56.5Si0,—-11.0Na,O—
3.0K,0-15.0Ca0O-
8.5Mg0-6.0P,05 glass
coatings fired in air with (a)
good adhesion (800 °C/30 s)
and (b) excessive interfacial
reactions (800 °C/2 min)
(Reproduced from Ref. [48]

by permission of John "
Wiley & Sons Ltd) Ti6AI4V

Ti6AI4V
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than 53 wt% in the Si0,—Na,0-K,0-CaO-MgO-P,05 system form HCA after
soaking in SBF. To enhance the HCA-forming ability of the silica-based coatings
prepared by a simple enameling method, HA and Bioglass® particles have been
proposed to be embedded on the coatings [49].

Bioactive coating consisting of HCA with silica species releasing ability on
metallic titanium was synthesized by a biomimetic method using water glass and
vaterite [50]. The layers derived from water glass on metallic titanium act as
intermediate layers consisting of silicon and titanium, as shown in Fig. 5.9,
resulting in good adhesion without cracks between the coatings and the substrate.

Fig. 5.8 Influence of firing 840
time and temperature on the Optimum Coating A”‘
adhesion of coatings 820 i—
manufactured with
56.5510,-11.0Na,0— 800 Excessive Interfacial
3.0K,0-15.0Ca0O- 780 Reactions
8.5Mg0-6.0P,05 glass: (O) o
no sintering, (<) < 760 R A P +
delamination, (O) good g .*Gocid Adhes?aﬁ“'m‘.,,,
adhesion, and (+) excessive T 740 5 OOOE e .
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Fig. 5.9 Cross-sectional
field emission gun scanning
electron micrograph and
energy-dispersive
spectrometry analysis of the
titanium substrate coated
with water glass after heat
treatment at 300 °C for 2 h
(Reprinted with permission
from Ref. [50], Copyright
2011, American Ceramic
Society)

Resin " Coating Ti substrate
layer

To use vaterite was most suitable for HCA coatings on the metallic titanium
modified with water glass among polymorphs of calcium carbonates (calcite and
aragonite) and calcium chloride as calcium resources. The HCA coatings with
silicon species derived from water glass enhance cell proliferation in cell culture
tests using mouse osteoblast-like cells, compared with HCA coatings without
silicon species.

5.3.2 Phosphate-Based Glasses

Phosphate glasses in the CaO-Na,0-P,05 system have high solubility and chem-
ical similarity to inorganic phase of the human bone. To control their solubility,
various oxides, such as TiO,, ZnO, and MgO, are incorporated into the phosphate-
based ternary system [51-53]. In the case of metaphosphate glass, no HCA forms
on the surface after soaking in SBF [54].

Kasuga et al. reported calcium pyrophosphate glass with unique structure in
60Ca0-30P,05—7Na,0-3TiO, system with bioactivity [55]. The glass consists of
orthophosphate (PO,4)*~ and pyrophosphate (P,O,)* " units without metaphosphate
(PO5)*~ units; the phosphate groups are connected with Ca* ions [56].
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When the calcium pyrophosphate glass was soaked in SBF, HCA layer formed
on the glass surface [57]. Large-sized glass-ceramics containing p-tricalcium phos-
phate and p-calcium pyrophosphate can be prepared by heating the calcium pyro-
phosphate glass powder compacts [58]. Some glass-ceramics derived from the
calcium pyrophosphate glasses have HCA-forming ability in SBF [59].

The bioactive calcium pyrophosphate glass-ceramic can be successfully coated
on titanium alloys without cracks by heating the deposited meal with two chemical
compositions of calcium pyrophosphate glass powders [60]. The chemical compo-
sitions of the glass powders influence densification of the coatings, as shown in
Fig. 5.10. The joining between the glass-ceramic and the metal was controlled by
viscous flow of the glassy phase in the glass-ceramic and by reaction of the glassy
phase with an oxide phase formed around the surface layer [61]. The coatings
showed excellent tensile bonding strength with more than 20 MPa owing to the
reaction phase, independently of the chemical compositions. The glass-ceramic
coatings derived from 60CaO-30P,0s—7Na,0-3TiO, glass formed HCA on their
surface after soaking in SBF and bonded directly to living bone in vivo test [62].
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Fig. 5.10 Cross-sectional scanning electron microscopic images at the surface of the substrate of
the samples prepared by heating at 800 °C in air and element concentrations measured by energy-
dispersive spectrometry (EDS) analysis along the /ine indicated in the images: (a) the sample
obtained using 50Ca0O—40P,05—7Na,O-3TiO, glass; (b) the sample obtained using 60CaO—
30P,05—7Na,0-3TiO, glass. Zr concentration profiles were not measured since the EDS peak
position of the L-line from Zr overlaps with that of the K-line from P. Zr content in the substrate is
small. The scale bar is 5 pm (Reproduced from Ref. [60], by permission of Wiley-VCH Verlag
GmbH & Co. KGaA)
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5.4 Oxide Modification of Ti and Its Alloys

5.4.1 Chemical Treatments

Titania gel can induce HCA formation after soaking in SBF [63]. It is considered
that oxide gel coating is one of the key factors for surface modification with
bioactivity of titanium and its alloys. Two types of chemical treatments to prepare
oxide gel layer are introduced as follows:

Kokubo et al. reported that amorphous sodium titanate layers form on titanium
metal and its alloys after NaOH and heat treatment [64, 65]. The NaOH treatment
leads to the formation of porous structure, as shown in Fig. 5.11. The microstructure
and crystalline phase of the as-NaOH-treated substrate changed by heat treatment.
The HCA-forming ability in SBF depended on the heating condition of the NaOH-
treated substrates. Sodium-free titanium oxide with specific surface structure of
anatase and rutile showed much higher HCA-forming ability than sodium-
containing titanate in SBF [66]. Recently, metallic titanium subjected to NaOH
and CaCl, treatment has been reported to enhance HCA-forming ability in SBF due
to replacement of sodium ions in sodium titanate layer with calcium ions [67].

It is well known that titanium can form titanium oxide gel via a reaction with
hydrogen peroxide [68]. Titanium oxide gel layers on metallic titanium surface are
prepared by chemical treatment using a solution containing H,O, and HCI at 80 °C
for a short period, and subsequently heat treatment in air [69]. The thickness of the
titania gel layers increases linearly with increase in chemical treatment time. The
temperature during the chemical treatment influences the microstructures of titanium
oxide gel layers, as shown in Fig. 5.12. The as-chemical-treated titanium oxide gel
layers transformed predominantly of anatase below 600 °C and rutile above 700 °C
by the heat treatment. In in vitro test using SBF, the titanium oxide gels heated at
between 400 and 500 °C indicate excellent HCA-forming ability. Several papers have
been published on acidic chemical treatment of metallic titanium using HF/HNO;
and H,SO,4/HCI solution instead of H,O,/HCI solution [70, 71].

5.4.2 Anodic Oxidation

Anodic oxidation is a traditional method to modify the surface structure and
properties of titanium for application to catalysts and valves. The method, which
can be applied to any shaped titanium, enables us to prepare titanium oxide layers of
more than 1 pm of thickness on the whole surface. Ishizaki et al. reported that the
anodic titanium oxide layers containing calcium and phosphorous elements were
deposited on titanium in aqueous solution containing p-glycerophosphate and
calcium acetate [72]. Subsequent hydrothermal treatment at 300 °C of the anodic
titanium oxide layers allowed HA coatings with needlelike morphology on the
surface. The film thickness and the amount of HA crystals were strongly influenced
by the ratio for B-glycerophosphate and calcium acetate in the electrolytic solution.
The coatings maintained a higher adhesive strength of more than 30 MPa even after
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Fig. 5.11 Scanning electron micrographs of the surface of titanium substrates that were subjected
to (a) 5.0 M NaOH treatment at 60 °C for 24 h, (b) the same NaOH treatment and subsequently
heat treatment at 600 °C for 1 h, and (c) the same NaOH treatment and subsequently heat treatment
at 800 °C for 1 h compared to that of untreated titanium substrate (Reproduced from Ref. [65] by
permission of John Wiley & Sons Ltd)

300 days of soaking in Tris buffer solution because of existence as an intermediate
layer between HA layer and the substrate.

Anodic oxidation of metallic titanium in H,SO, solution forms titanium oxide
layer containing anatase and rutile as crystalline phases with porous structure on
their surface, as shown in Fig. 5.13 [73]. The anodic titanium oxide layers form
HCA crystals on their surface after soaking in SBF. The direct current and concen-
tration of H,SQ, solution in the anodic oxidation have influence on the microstruc-
ture, titanium oxide phase, and HCA-forming ability. In the case of acetic acid as an
electrolytic solution, macroscopic grooves form on the surface of amorphous layer
prepared by anodic oxidation [74].
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Fig. 5.12 Scanning electron micrographs of the titanium surface after treatment with the H,O,/
HCI solution at (a) 25 °C for 1 day and (b) 80 °C for 30 min, showing the severe intergranular
corrosion for the former and uniform titania gel layer without intergranular for the latter (Reprinted
from [69], Copyright 2002, with permission from Elsevier)

Fig. 5.13 Scanning electron micrographs of (a) metallic titanium without treatment and metallic
titanium anodically oxidized at (b) 90 V, (¢) 155 V, and (d) 180 V in 1 M H,SO, for 1 min
(Reprinted from [73], Copyright 2004, with permission from Elsevier)
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5.4.3 Sol-Gel Coatings

The sol-gel process is based on inorganic polymerization and one of the key
techniques for preparing oxide ceramics. The coatings on titanium substrate is
prepared by dip- or spin-coating methods using sol containing hydrolyzed titanium
alkoxide, e.g., tetraisopropylorthotitanate (Ti(CH3),(CHO),), hydrochloric acid as
a catalyst, and ethanol as a solvent. After the coating process, two-step heat
treatment leads to the formation of gel layer and crystallization. Figure 5.14
shows the reaction schematically during the sol-gel coating process. In the case
of fabricating thicker layers, it is necessary to repeat the coating and heat treatment
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Fig. 5.14 Schematic description of sol-gel chemistry (Reproduced from Ref. [78] by permission
of John Wiley & Sons Ltd)
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for gel formation several times. Sol-gel-derived titanium oxide coating on metallic
titanium induces HCA formation on its surface after soaking in SBF [75]. The
coatings need to have adequate thicknesses to induce HCA formation in SBF. The
temperatures during the heat treatment of the gel layer for crystallization had an
effect on HCA-forming ability in SBF [76]. HA coatings on a titanium substrate
with sol-gel-derived titanium oxide improved the bonding strength to the substrate
and its corrosion resistance, compared with HA coatings on a titanium substrate
[77]. The HA coating on the titanium oxide layer increases alkaline phosphatase
expression of human osteosarcoma cells.

5.5 Summary

In this chapter, various types of surface modifications of metallic substrates, such as
titanium and its alloys and stainless steel, were introduced. Bioactive ceramic
coatings on the metals enhance dramatically HCA-forming ability on their surface,
compared with the substrates. A sputtering method can fabricate a thin film with
higher adhesive strengths compared with other techniques. HCA layers are pre-
pared on the metals, polymers, and ceramics by a biomimetic method using SBF.
An enameling method is suitable for bioactive glasses and glass-ceramic coatings
on metals. The formation of titanium oxide gels on the metals plays an important
role in improving bioactivity.
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Chapter 6
Biofunctionalization of Metals with Polymers

Takao Hanawa

Abstract If the advantages of metals and polymers are mixed and disadvantages
are eliminated by manufacturing metal-polymer composite materials, humankind
will obtain ideal materials having excellent mechanical properties and biofunctions.
Two kinds of metal-polymer composite materials are feasible to design: one is a
combination of bulk polymeric materials and bulk metallic materials and the other
is immobilization of polymers to metal surfaces. In this chapter, the above metal—
polymer composite materials for biomedical use are demonstrated, and the
corresponding researches are reviewed, including chemical immobilization and
electrodeposition of biofunctional polymer; immobilization of biomolecules such
as peptide, protein, collagen, hydrogel, and gelatin; bonding of polymers with metal
through silane-coupling agent; and polymers condensed in porous titanium.

Keywords Biofunctional polymer ¢ Immobilization ¢ Electrodeposition ¢
Antibacterial property < Platelet adhesion ¢ Bone formation ¢ Soft tissue
compatibility

6.1 Introduction

Metals show high strength, elongation, fracture toughness, and durability, which
are specific advantages against ceramics and polymers. Therefore, metals are
widely used for medical devices especially implants (devices inserted in the
human tissues) to prevent the fracture or degradation of devices during use.
However, metals are typically artificial materials and have no biofunction, which
makes them fairly unattractive as biomaterials.

On the other hand, polymers are widely used as biomaterials because of their
high degree of flexibility, biocompatibility, and technologic properties [1]. Also, it
is relatively easy to design biofunctional polymers based on biomimic techniques,
because biofunctional polymers exist in the human body as parts of biomolecules,
cells, tissues, and organs.
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Therefore, some of polymeric materials are widely known as biocompatible and
biofunctional materials. The fast technological evolution of polymers has made it
possible to apply these materials to medical devices over the last three decades; in
fact, many devices made from metals have been replaced by others made from
polymers. In spite of this fact, about 80 % of implant devices are still made from
metals, and this percentage remains unchanged because of their high strength,
toughness, and durability. Medical devices consisting of metals cannot be replaced
by polymers at present.

If the above advantages of metals and polymers are mixed and disadvantages are
eliminated by manufacturing metal-polymer composite materials, humankind will
obtain ideal materials having excellent mechanical properties and biofunctions.
Two kinds of metal-polymer composite materials are feasible to design: one is a
combination of bulk polymeric materials and bulk metallic materials and the other
is immobilization of polymers to metal surfaces. In this chapter, the above metal—
polymer composite materials for biomedical use are demonstrated, and the
corresponding researches are reviewed.

6.2 Immobilization of Poly(ethylene glycol)

6.2.1 Chemical Immobilization

The immobilization of biofunctional polymers on noble metals such as Au is
usually conducted using the bonding —SH or —SS— group; however, this technique
can only be used for noble metals. The adhesion of platelets and adsorption of
proteins, peptides, antibodies, and DNA are controlled by modifications of the
above technique.

On the other hand, poly(ethylene glycol) (PEG) is a biofunctional molecule on
which adsorption of proteins is inhibited [2]. Therefore, immobilization of PEG to
metal surface is an important event to biofunctionalize the metal surface. A class of
copolymers based on poly(L-lysine)-g-poly(ethylene glycol), PLL-g-PEG, has
been found to spontaneously adsorb from aqueous solutions onto TiO,,
Sip4Tig 60,2, and Nb,Os to develop blood-contacting materials and biosensors
[3, 4]. In another case, TiO, and Au surfaces are functionalized by the attachment
of poly(ethylene glycol)—poly(DL-lactic acid), PEG-PLA, and copolymeric micelles.
The micelle layer can enhance the resistance to protein adsorption to the surfaces up
to 70 % [5]. Surface modification of stainless steel by grafting of poly(ethylene
glycol) was reported by Zhang et al. [6]. In their method, the surface of stainless steel
was first modified by a silane-coupling agent (SCA), (3-mercaptopropyl)
trimethoxysilane. The surface of the silanized stainless steel (SCA-SS) was subse-
quently activated by argon plasma and then subjected to UV-induced graft poly-
merization of poly(ethylene glycol)methacrylate (PEGMA). The PEGMA graft-
polymerized stainless-steel coupon (PEGMA-g-SCA-SS) has a high graft



6 Biofunctionalization of Metals with Polymers 129

concentration, and the high PEG content was found to be very effective to prevent
the absorption of bovine serum albumin and y-globulin. These processes require
several steps but are effective for immobilization; however, no promising technique
for the immobilization of PEG to a metal surface has been so far developed.
Photoreactive PEG is photoimmobilized on titanium (Ti) [7].

6.2.2 Electrodeposition

Both terminals of PEG (MW: 1,000) are terminated with —-NH, (NH,—PEG-NH,).
The cathodic potential is charged to Ti from the open-circuit potential to —0.5 V
vs. a saturated calomel electrode (SCE) and is maintained at this potential for 300 s.
During charging, the terminated PEGs electrically migrate to and are immobilized
on the Ti cathode, as shown in Fig. 6.1a. Not only electrodeposition but also
immersion leads to the immobilization of PEG onto a Ti surface. However, more
terminated amines combine with Ti oxide via an NH-O bond by electrodeposition,
while more amines randomly exist as NH3* in the PEG molecule by immersion
(Fig. 6.1b) [8, 9]. An atomic force microscopic image is also shown in Fig. 6.1c.
The amounts of the PEG layer immobilized onto the metals are governed by the
concentrations of the active hydroxyl groups on each surface oxide in the case of
electrodeposition, which is governed by the relative permittivity of the surface
oxide in the case of immersion [10]. The PEG-immobilized surface inhibits the
adsorption of proteins and cells, as well as the adhesion of platelets [11] and
bacteria [12] (Fig. 6.2), indicating that this electrodeposition technique is useful
for the biofunctionalization of metal surfaces. It is also useful for all
electroconductive materials and materials even having complex surface
topography.

6.3 Immobilization of Biomolecules

6.3.1 Immobilization of Biomolecules

Immobilization of biomolecules is a natural approach to obtain cell and tissue
compatibility and biofunctions. It has been found that these coatings act as local
mediators of cell adhesion and, in consequence, as a stimulating factor for the
growth and proliferation of the cells normally found around the substituted tissue.
The tight attachment at the surface of the metallic implant and the conservation of
the biological function of the proteins involved are prerequisites for obtaining these
highly desirable properties. On the other hand, organic coatings have been scarcely
used on metallic implants, because manufacturers hesitate to commercialize the
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Fig. 6.1 Immobilization of NH,~PEG-NH, by electrodeposition. The terminated PEGs electri-
cally migrate to and are immobilized on the Ti cathode (a). More terminated amines combine with
Ti oxide via an NH-O bond by electrodeposition, while more amines randomly exist as NH3" in
the PEG molecule by immersion (b). An atomic force microscopic image of the PEG-immobilized
Ti surface (c¢)

biomolecules immobilized by metallic implant due to the problems on storage,
safety, sterilization, etc.

The immobilization of biomolecules on the metallic surface can be achieved
using self-assembled monolayers as cross-linkers. Self-assembled monolayers pro-
vide chemically and structurally well-defined surfaces that can often be manipu-
lated using standard synthetic methodologies [13]. Thiol on self-assembled
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Fig. 6.2 Inhibition of platelet adhesion and biofilm formation on Ti through immobilization of
NH,-PEG-NH, by electrodeposition. (a) Platelet adhesion and fibrin network on untreated Ti, (b)
inhibition of platelet adhesion on PEG-immobilized Ti by electrodeposition, (¢) biofilm formation
on untreated Ti, and (d) inhibition of biofilm formation on PEG-immobilized Ti by
electrodeposition

monolayers [14, 15] and siloxane-anchored self-assembled monolayers [16] has
been particularly well studied. A problem related to the application of immobilized
biomolecules via silanization techniques is the hydrolysis of siloxane films when
exposed to aqueous (physiological) conditions [17]. More recently, alkyl phosphate
films that retain robust under physiological conditions [18] have been used to
provide an ordered monolayer on tantalum oxide surfaces [19, 20], and
alkalphosphonic acids have been used to coat the native oxide surfaces of metals
and their alloys inducing iron [21], steel [22], and Ti [23].

6.3.2 Peptide

In a living tissue, the most important role played by the ECM has been highlighted
to favor cell adhesion [24]. Studies have shown that interactions occur between cell
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membrane receptors and adhesion proteins derived from the bone matrix, such as
type I collagen or fibronectin [25]. These proteins are characterized by a RGD
(Arg-Gly-Asp) motif which specially transmembrane connections between the
actin cytoskeleton and the RGD motif, and the whole system can activate several
intracellular signaling pathways modulating cell behavior (e.g., proliferation, apo-
ptosis, shape, mobility, gene expression, and differentiation) [26].

Due to the main role of the RGD sequence in cell adhesion, several research
groups have developed biofunctionalized surfaces by immobilization of RGD
peptides. Grafting RGD peptides has been performed on different biomaterials,
such as Ti [27-29], and has been shown to improve osteoconduction in vitro.
Methodologies differ by the conformation of RGD and by the technique used for
peptide immobilization [24, 25, 28-30]. Since the graft of an RGD peptide is known
to be efficient in bone reconstruction [31], the challenge is to develop simple and
cheap methods to favor cell anchorage on biomaterial surfaces [29, 30]. Self-
assembled molecular monolayers bearing RGD moieties have been grafted to
numerous surfaces, using either silanes [32], phosphonates on oxidized surfaces
[29], or thiols on Au [30], but have encountered some application problems for
large-scale production. Phosphonates are known to adsorb on Ti. To be mechani-
cally and physiologically stable, phosphonate layers have to be covalently bound to
the material surface using drastic conditions [33, 34] which are not compatible with
biomolecule stability. Monolayers of RGD phosphonates have been achieved using
a complex multistep process which necessitates to tether a primer onto Ti surface,
then a linker, and finally the peptide [35]. To immobilize RGD to the
electrodeposited PEG on Ti, PEG with an -NH, group and a -COOH group
(NH,~PEG-COOH) must be employed. One terminal group, —NH,, is required
to bind stably with a surface oxide on a metal. On the other hand, the other terminal
group, —COOH, is useful to bind biofunctional molecules such as RGD as shown in
Fig. 6.3 [36]. This RGD/PEG/Ti surface accelerates the calcification by MC3T3-El
cell [37]. The calcification level is the highest on the RGD/PEG/Ti surface
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Fig. 6.3 Immobilization of RGD peptide on Ti through electrodeposited NH,—~PEG-COOH
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(Fig. 6.4), and the bone formation on the RGD/PEG/Ti surface is accelerated
compared to RGD/Ti surface in rabbit [38].

Glycine (G)—arginine (R)—glycine (G)—asparaginic acid (D)—serine (S) sequence
peptide (GRGDS peptide) is coated through the chloride activation technique to
enhance adhesion and migration of osteoblastic cells [39]. The expression levels of
many genes in MC3T3-El cells are altered.

6.3.3 Proteins and Collagen

Among the relevant molecules involved in biochemical modification of bone-
contacting surfaces, growth factor, such as bone morphogenetic protein-2
(BMP-2), is of primary interest. BMP-2 has been known to play an important role
in bone healing processes and to enhance therapeutic efficiency. Ectopic bone
formation by BMP-2 in animals has been well established following the first reports
of BMP-2 by the Urist research group [40-42]. Synthetic receptor binding motif
mimicking BMP-2 is covalently linked to Ti surfaces through a chemical conjunc-
tion process [43]. A complete and homogeneous peptide overlayer on the Ti
surfaces; the content is further measured by gamma counting. Biological evalua-
tions show that the biochemically modified Ti is active in terms of cell attachment
behavior. Ti surfaces can enhance the rate of bone healing as compared with
untreated Ti surface. Bone morphogenetic protein-4 (BMP-4) is immobilized on a
Ti—6A1-4V alloy through lysozyme to improve the hard tissue response [44]. Pro-
teins are silane-coupled to the oxidized surfaces of the Co—Cr—Mo alloy, the Ti—
6Al1-4YV alloy, Ti, and the Ni-Ti alloy to improve tissue compatibility [45].
Biomolecules are also used to accelerate bone formation and soft tissue adhesion
on a material. Type I collagen is immobilized by immersion in the collagen solution
[46]. Type I collagen production increases with modification by ethane-1,1,2-
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Fig. 6.5 Atomic force microscopic images of Ti surfaces with electrodeposited collagen using DC
potential or AC potential

triphosphonic acid and methylenediphosphonic acid grafted onto Ti [47]. Type I
collagen is grafted with glutaraldehyde as a cross-linking agent [48]. For the
electrodeposition, it is found that an alternating current (AC) between —1 and
+1 V vs. SCE with 1 Hz is more effective than direct current (DC) to immobilize
type I collagen to Ti and durability in water is high [49] as shown in Fig. 6.5.

Fibronectin is immobilized directly on Ti using a tresyl chloride activation
technique [50]. L-threonine and O-phospho-L-threonine are immobilized on acid-
etched Ti surface [51].

6.3.4 Hydrogel and Gelatin

Immobilization or coating of hydrogel to metal surface is currently being attempted
to add a drug delivery ability to orthopedic implant and stents or fluorescent sensing
ability to microchips. Currently, synthetic polymeric hydrogels like poly-
(hydroxyethylmethacrylate) (pHEMA) and poly(hydroxyethylacrylate) (pHEA)
are widely used as compliant materials particularly in the case of contact with
blood or other biological fluids [52]. Despite having good flexibility in the swollen
state, hydrogels usually lack suitable mechanical properties, and this could greatly
impair their use as coating materials for surgical procedure. Moreover, in case of
inadequate adhesion between the hydrogel coating and the metal surface, a break-
age at the coating—steel interface might occur [53]. A spray-coated method has been
set up with the aim to control the coating of pHEMA onto the complex surface of a
316L steel stent for percutaneous coronary intervention (PCI) [54]. The pHEMA
coating evaluation of roughness wettability together with its morphological and
chemical stability after three cycles of expansion—crimping along with preliminary
results after 6 months demonstrates the suitability of the coating for surgical
implantation of stent.
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An alternative and very promising synthetic route is represented by electro-
chemical polymerization, which leads to direct thin film coatings on the metal
substrates with interesting applications either for corrosion protection or for the
development of bioactive films [55-58]. As far as orthopedic field is concerned, in
recent years, many procedures based on surface modification have been suggested
to improve the biocompatibility and biofunctionality of Ti-based implant [59].
2-hydroxy-ethyl-methacrylate (HEMA), a macromer poly(ethylene-glycol
diacrylate) (PEGDE), and PEGDE copolymerized with acrylic acid were used to
obtain hydrogels. A model protein and a model drug were entrapped in the hydrogel
and released according to pH change [60].

6.4 Other Polymer Coatings

6.4.1 Bonding of Polymers with Metals Through
Silane-Coupling Agent

The interfacial chemical structure governing the bonding strength, especially at the
nanometer level, is one of the most challenging aspects to the development of
composite materials. The combination of a Ti alloy with a resin for crown facings
has been attempted [61]. In particular, silane-coupling agents containing S—-H
groups and Si—O—CHj3; groups are widely used to combine dental alloys with resins
[62]. The S—H group works as a bonding agent with polymers, while the Si—-O—-CHj;
group works as a bonding agent with metals. The mechanical properties and
durability of composite resin increase with the silanized filler [63—-66]. However,
in most studies on materials using silane-coupling agents in the field of dentistry,
only the bonding strength is evaluated and discussed, and there are few reports that
examine and discuss the chemical structures at the bonding interface and how they
influence the bonding strength.

Studies on silane-coupling agents to combine polymers with metals have been
performed in other fields. An aluminum—vegetable oil composite using a silane-
coupling agent has been developed [67, 68]. Rubber-to-metal bonding by a silane-
coupling agent was investigated [69]. In addition, the surface modification of
stainless steel by grafting poly(ethylene glycol) using a silane-coupling agent has
been reported [6]. However, only the chemical structure is investigated in these
studies. In other words, the relationship between the bonding strength and the
interfacial chemical structure containing a silane-coupling agent layer has not
been studied.

The unequivocal relationship between the shear bonding strength and the chem-
ical structure at the bonding interface of a Ti—-SPU composite through a silane-
coupling agent (y-mercaptopropyl trimethoxysilane (y-MPS)) is investigated
[70]. The bonding interface between SPU and Ti substrate is determined by the
thickness of y-MPS layer as shown in Fig. 6.6. On the other hand, the shear bond
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Fig. 6.7 Inhibition of platelet adhesion and fibrin network formation on SPU-coated Ti

strength of the Ti/SPU interface increased with ultraviolet (UV) irradiation
according to the increase of the cross-linkage in SPU. Platelet adhesion to Ti is
inhibited by SPU, as shown in Fig. 6.7. This technique is used for the creation of a
new meta-based material having high strength, high toughness, and biofunction.
UV irradiation to a Ti-SPU composite is clearly a factor governing the shear bond
strength of the Ti/SPU interface [71]. In addition, active hydroxyl groups on the
surface oxide film are clearly factors governing the shear bond strength [72]. After
good bonding between metal and polymer is produced, biofunctionalization tech-
niques developed in the field of polymers could be applied to the composite
materials.

The effects of different kinds of terminal functional groups and the thickness of
the silane layers (SIL) on the adhesive strength between Ti—29Nb-—13Ta—4.6Zr
(TNTZ) alloy and SPU were investigated by means of shear bonding tests. The
following  silane-coupling agents were employed in this study:
3-methacryloxypropyltrimethoxysilane (y-MPTS), aminopropyltriethoxysilane
(APS), and y-MPS. Furthermore, the shear bonding strength of the TNTZ/SIL/
SPU interface was also characterized after immersion in water for 30 days. Silane-
coupling treatment produces a tenfold increase in the shear bonding strength,
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independent of the type of terminal functional groups and the thickness of the silane
layers. The TNTZ/SIL/SPU composites are partially fractured at the interfaces of
the TNTZ/SIL, while the rest of the fracture occurs at the interfaces of the SIL/SPU
in single sample. The shear bonding strength decreases after immersion in water for
30 days when APS and y-MPS are used as the silane-coupling agents, because
stable chemical bonding is not achieved between the silane layer and SPU, whereas
the bonding of the y-MPTS composite is not affected by exposure to water [73]. The
number of hydroxyl groups increases with an increase in treatment time at a H,O,
concentration of 5 %. On the other hand, an increase from 5 to 30 % in H,0O,
concentration leads to a decrease in the number of hydroxyl groups on the TNTZ
surface, because at higher HO, concentrations, the reaction that consumes the
hydroxyl groups is dominant. The shear bonding strength is doubled compared with
the untreated TNTZ/SIL/SPU interface. Although the shear bonding strength
decreases after immersion in water for 30 days when APS and y-MPS are used,
TNTZ/y-MPTS/SPU composites exhibit good durability to water and maintain an
equivalent shear bonding strength before immersion in water [74]. The adhesive
strength of the SPU coating on the nanotube structure formed on TNTZ by
anodization for 3,600 s increases by 50 %. These improvements in the adhesive
strength of SPU are the result of an anchor effect introduced by the nanostructures
formed by anodization. Fracture occurs at the interface of the nanoporous structure
and the SPU coating layer. In contrast, in the case that SPU coating has been
performed on the nanotube structure, fracture occurs inside the nanotubes [75].

6.4.2 Polymers Condensed in Porous Titanium

The Young’s modulus of metallic materials is relatively larger than that of cortical
bone: about 200 GPa in stainless steels and Co—Cr—Mo alloys, about 100 GPa in
a-type and (a+ f)-type Ti alloys, and 15-20 GPa in cortical bone. When fractured
bone is fixed with metallic bone fixator such as bone plate and bone nail, during
healing a load to fixation part is mainly received by metallic fixators because of the
difference in their Young’s modulus. This phenomenon is well known as so-called
“stress shielding” in orthopedics. This large Young’s modulus generates other
problems. When a metal is used as a metallic spacer in spinal fixation, the spacer
is mounted in matrix bone. In the case of dental implant, occlusal pressure is not
absorbed by the implant and directly conducts to jaw bone.

To solve the above problems, metals with low Young’s modulus are required.
Two approaches are feasible: the decrease of the Young’s modulus of a metallic
material itself and decrease of the apparent Young’s modulus by forming a porous
body. In the latter case, the pores are sometimes filled by polymers to control the
apparent  Young’s modulus.  Ultra-high-molecular-weight ~ polyethylene
(UHMWPE) [76] and poly(methyl methacrylate) (PMMA) [77] are attempted to
fill the pores in porous Ti. Figure 6.8 shows porous Ti whose pores are filled by
UHMWPE.
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Fig. 6.8 Fracture by ]
bending of porous Ti whose d
pores are filled by
UHMWPE (Provided by
Dr. Naoyuki Nomura,
Tohoku University)

6.5 Conclusions

Metallic materials are widely used in medicine for not only orthopedic and dental
implants but also cardiovascular devices and other purposes. The metal surface may
be biofunctionalized by various techniques such as the immobilization of
biofunctional molecules and the creation of metal-polymer composites. These
techniques make it possible to apply metals to a scaffold in tissue engineering.
Artificial materials such as metal-polymer composites will continue to be used as
biomaterials in the future, because of their excellent tissue compatibility and
biofunctions. Some of metal-polymer composites are reviewed in other textbooks
[78-80].
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Chapter 7
Adhesive Strength of Bioactive Surface Layer

Noriyuki Hisamori

Abstract Bioactive capability of Ti-alloy for implant application has been devel-
oped by producing thin hydroxyapatite (HAp) film on its surface. The adhesive
strength between the base metal and the HAp film has to be evaluated to ensure the
reliability of the implant. But the method of evaluation is not yet established
because of its difficulty to cause adhesive fracture between base metal and HAp
thin film. In this chapter, tensile load is applied to the HAp film on Ti-6Al-4V alloy
substrate normal to its thickness by using a specimen bonded with adhesives.
Surfactant is applied near the interface between Ti-6Al-4V substrate and HAp
film by adhesives to avoid coverage of the interface. Thus the accuracy of this
method is improved by preventing adhesive overflow from bonded surface to the
side of the specimen. As a result, fracture occurs at interface between Ti-alloy and
the HAp film. This method is proved to be useful for evaluating bond strength
between Ti-alloy and HAp film and verifying the fracture of the adhesive layer.

Keywords Ti-6Al1-4V alloy « Hydroxyapatite « Adhesive strength < Interfacial
fracture « Bioactive surface layer « Bond layer

7.1 Introduction

It is commonly recognized that about three months’ time is necessary to secure
metallic implant to the bone tissue [1, 2]. Functional layer deposited on the surface
of the metal-based implant improves the bone actively which can be used to shorten
this period of time. Therefore, there are several methods of forming hydroxyapatite
(HAp) on the surface of the metallic implant material. Hydroxyapatite layer reacts
with the body fluids in the human body environment, giving bone-conducting
function to metallic implant material [3-5]. However, failures due to delamination
at the interface between the HAp film and the metal implant are reported [6, 7].
Therefore, to consider practical use of implant, evaluation of strength of the
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Fig. 7.1 Schematic of /%ff
specimen setup to measure
the bond strength and the Ti-6Al-4V

ideal position of fracture

Bond

Ti-6Al-4V

interface between the metal and the HAp film is extremely important. However, the
evaluation methods of the bond strength of thin film have not yet been established.

The strength evaluation of the interface between the metal and the HAp film is
reportedly difficult [8], because fracture does not necessarily occur at the interface
between the metal and the HAp film. There is a method of assessing the strength of
the interface between a substrate and a thin film of functional implant device by
tensile test using adhesive [9, 10]. However, in this test, it is difficult to induce
fracture at the interface between the metal and the HAp film, and the obtained
interface strength is unstable. In addition, the scattering is large. In this chapter, we
suggest a new testing method which is able to measure bond strength between
Ti-6Al-4V alloy and HAp thin film reliably. We focus on a process of preparing
specimen and evaluation of adhesive strength between Ti-alloy and HAp thin film
(Fig. 7.1).

7.2 Materials and Specimens

Ti-6Al1-4V is used as the substrate metal. Solid bar specimens of four types in
different diameters (4.0, ¢7.0, ¢10.0, and ¢15.0) are used. HAp layer is coated by
plasma spraying on end the bar specimen’s surface after blast treatment (Fig. 7.2)
[11, 12]. Figure 7.3 shows a SEM micrograph of the surface after plasma spraying.
The thickness of the HAp film is about 50 pm (HAp thin film). The spraying is
repeated 20 times under the following conditions: supply voltage 68 V, spraying
distance 140 mm, and HAp particles 15 g/min. To measure the interface strength
between the HAp thin film and blast surface, a tensile test piece is made using an
adhesive. A Ti-6Al1-4V piece is bonded on the top of the HAp-coated specimen with
two types of bond (EP-138 and Super Bond) by using a jig shown in Fig. 7.4. Holes
of jig are made with severe tolerance to ensure the alignment of specimen. A spring
is attached to the top of the jig for applying constant contact force. Also, the
surfactant is used to peel off the excessive adhesive agent leaked to the side of



7 Adhesive Strength of Bioactive Surface Layer 145

Fig. 7.2 Photograph of
surface before bonding (/eft:
HAp-coated surface, right:
blast surface)

Fig. 7.3 SEM photograph
of plasma-sprayed HAp
surface

Ti-alloy

\“Adhesive

™ Ti-alloy

Fig. 7.4 Schematics and appearance of bonding device

the specimen easily after testing. This procedure is important because overflowing
adhesive will cover interface between Ti-alloy and HAp film and, therefore, prevent
interfacial fracture. A constant stress of 0.138 MPa was applied to the specimen.
After applying the adhesive EP-138, the specimen is heat treated at 120 °C for
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Fig. 7.5 Appearance of the interface of bonded specimen

30 min. Super Bond is hardened within 10 min at room temperature. Figure 7.5
shows the appearance of the interface after bonding. Adhesive layers can be
observed at the center of the photograph. The specimens without surfactant show
overflow of adhesives from the interface, while those with surfactant do not.
Therefore, surfactant protects the interface that is subjected to the examination.
However, in removing the surfactant after adhesion, care should be taken.

7.3 Experimental Procedure of Measuring Bond Strength
Between Ti-Alloy and HAp

Figure 7.6 shows bonded specimen used to measure bond strength. Tensile load is
applied to this specimen under constant crosshead speed (2.5 mm/min). Care is
taken to attach the specimen to testing machine to avoid bending or torsional load.
If necessary, strain gauges are attached to the specimen to measure stresses within
specimen. After tensile test, fracture surfaces are observed by scanning electron
microscope (SEM) to confirm whether interfacial fracture occurs or not.
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Ti-6Al-4V

l HAp Bond l

Fig. 7.6 Shape of tensile test specimen

7.4 Bond Strength Between Ti-Alloy and HAp

Figure 7.7 shows bond strength obtained by tensile test. Magnitude of bond strength
is almost the same regardless of the diameter of the specimen. Bond strength varies
depending on diameter of specimen. However, bond strength shows rather large
scatter. The bond strength obtained with EP-138 is slightly higher than that of Super
Bond. Scattering is larger on the diameter of @7.0 and @4.0. To investigate the
cause of scatter, crystal structure of HAp thin film is identified by X-ray diffraction.
X-ray diffraction patterns of specimens of different diameters are shown in Fig. 7.8.
Crystal structure of HAp thin film is the same regardless of the specimen diameter.
Therefore, HAp does not cause scattering of bond strength. Crystallinity of the HAp
film will affect the bond strength. If the HAp coating has low crystallinity, interface
strength value becomes low. Therefore, construction and spraying technique of
HAp on substrate are important factors.

The factors affecting scatter of bond strength in terms of the method of tensile
test were considered. Bond strength obtained with specimens of diameters ¢4.0 and
7.0 shows larger scatter than other diameters. Axial deviation is considered to be a
reason. The axis of specimen of both sides of HAp and bond layer shift each other
about 10-50 um. This shift produces un-axial load to the interface, and interfacial
fracture occurs at lower load than anticipated. This may harm the accuracy of the
test. Small diameter specimens are more susceptible for this inaccuracy. Therefore,
the tolerance between the jig and the specimen is an important factor in the
adhesion process of the test piece.

On the other hand, adhesives protruding out on the side of the specimen near the
interface tend to raise adhesion strength. Adhesives overflowing from bonded
surface are considered to be a reason for dispersion. The use of surfactants prevents
the adhesive protruding out near the interface between Ti-alloy and HAp film, but it
is not always effective. Adhesive that remained on interface possibly suppresses
interfacial fracture and affects the value of bond strength. If the same quantity of
adhesive remains on the interface, the ratio between protruding adhesive and the
total cross-sectional area within the interface becomes larger when the diameter of
specimen is smaller. Specimens of diameters ¢4.0 and ¢7.0 are more susceptible to
this phenomenon and may show higher adhesion strength. Thus, the adhesive
suppresses interfacial failure.
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Fig. 7.8 Result of X-ray diffraction analysis of HAp film on specimens of different diameters

It is difficult to remove all overflowing adhesives and obtain flawless alignment
of bonded test pieces. Therefore, larger diameter of specimen will be suitable to
minimize these effects and obtain more accurate bond strength. Thus, to determine
the bond strength with smaller scatter, it is necessary to choose the specimen
diameter carefully and manufacture precise tensile test jig. Because it is difficult
to exclude all of these factors causing errors, a certain degree of scatters has to be
accepted. Peeling off (fracture) at the interface between the HAp thin film and
titanium alloy is important. It is a key to consider the test methods to accurately
measure the bond strength.
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Fig. 7.9 SEM photographs of peeled surface (fracture surface): (a) Ti-6Al-4V blast surface and
(b) HAp-coated surface

7.5 Observation of Peeled Surface (Fracture Surface)

When fracture occurred at the interface between Ti-alloy and HAp film, HAp will
be peeled off from HAp-coated surface, and Ti-alloy will appear on the surface.
After tensile test, almost all of HAp is peeled off as shown in Fig. 7.9. In the
previous section, the test method that can measure bond strength of Ti-alloy and
HAp film correctly is verified. The result indicates that the effects of the adhesive
and axial misalignment on bond strength are minimized on the method. As shown in
Fig. 7.9, peeling occurs at the interface between the HAp thin film and Ti-6Al-4 V.
Also, the use of the surfactant enables peeling to occur at the interface. The two
photographs at the left in Fig. 7.10 show the peeled surface where surfactant was
not used. It can be seen that the area peeled at the interface is smaller compared with
the two photographs at the right that were obtained with specimen with surfactant.
This is due to the fact that the adhesives protrude to the interface, affecting the value
of bond strength, and cause scatter of the measured value.

7.6 Surface Treatment for Improving the Bone
Compatibility

Maximum temperature of the plasma can reach 10,000 °C or higher. Therefore, the
crystal structure of HAp changes due to thermal decomposition and bond strength
to substrate decrease. This is caused by the formation of the amorphous calcium
phosphate of low crystallinity. Low-pressure plasma spraying can prevent this
phenomenon.

Spraying of HAp was performed in a vacuum chamber. Figure 7.11a shows the
cross section of the layer formed by plasma-sprayed HAp on the titanium substrate.
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Fig. 7.10 SEM photographs of peeled surface (fracture surface)

Figure 7.11b shows the cross section of two-layer coating formed with plasma-
sprayed HAp after plasma spraying of titanium for enhanced adhesion of HAp layer
[13]. Because the thickness of the HAp film varies from 10 to 200 um, both
adhesion and bond strength may change; testing bond strength in a unified manner
has been required [14]. Other method of film formation is the high-velocity oxygen
fuel (HVOF) spraying. By using oxygen gas combustion, the flight speed of the
thermal spraying powder is faster than that of plasma spraying. The density of
formed layer and the adhesion to the substrate are improved. There is also the cold
spray method. It is a method of high-speed collision without melting the HAp
particles and, therefore, holds the crystallinity of HAp. Research has been
conducted such as sputtering [15] or the powder jet deposition method [16] of
forming a film at room temperature by injecting particles. By using these methods,
HAp-coated titanium showed good fixation to the bone. It is proven to be effective
in the initial period of implant, but the peeling has been a problem in the long term.
Research and development on surface modification and application techniques of
bioactive performance of the metal-based materials will be actively carried out in
the future.
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Fig. 7.11 Cross-sectional
observation which is coated
with a thin film HAp plasma
spray to the titanium
substrate: (a) Ti substrate
+HAp and (b) Ti substrate
+Ti+HAp
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7.7 Summary

1. Bond strength between Ti-alloy and HAp thin film can be measured by the
method based on a tensile test, which is proposed by our group.

2. To obtain accurate bond strength, diameter size of specimen should be large. It
minimizes the effects of adhesive overflowing and imperfect alignment.

Our method is similar to the ASTM F1147-05 [17]. However, this standard is
intended for a film made in various ways. The subject of our method is a thin film
that has been produced by plasma spraying. In addition, determination of the bond
strength is assured by restricting a fracture within a film. In addition, there is ASTM
F 104405 [18]. That evaluates the bond strength by shear. We also have to evaluate
the bond strength in shear. However, the ASTM standards include some ambiguous
factors: substrate surface, surface condition prior to coating, coating method,
bonding method, heat treatment, and a fixing method to the tensile testing machine.
As a result, a large error occurs in bond strength values obtained. It makes
organizing the results difficult. We are planning to clarify these points. And we
are considering how this method can be easily used in many fields.
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Chapter 8

Surface Improvement for Biocompatibility
of Biomedical Ti Alloy by Dealloying

in Metallic Melt

Masahiro Hirohashi, Kyosuke Ueda, Takeshi Wada,
Takayuki Narushima, and Hidemi Kato

Abstract Dealloying is known to be a powerful method to produce porous mate-
rials mainly with noble metals because the mechanism involves the selective
dissolution of specific element(s) through corrosion in acid/alkali aqueous solu-
tions. Recently, an alternative dealloying method has been developed using a
metallic melt in place of the corrosive aqueous solution. In this study, using the
novel dealloying method using a metallic melt, a toxic element, Ni, was success-
fully removed from the surface of NiTi, which has been used for biomedical metals,
for improving their biocompatibility. Although the toxic ion release per unit surface
area decreased, the total amount from the treated sample did not decrease effec-
tively because of the substantial surface area developed using the dealloying
method. The dealloying method followed by the oxidation treatment was found to
decrease the ion release. By optimizing the dealloying conditions to suppress
surface area development, drastic improvement in the biocompatibility of these
Ti alloys is expected.

Keywords Dealloying * Nitinol * Surface improvement * Biocompatibility

8.1 Introduction

Metals have often been used for biomedical applications such as operating tools and
implants (fixtures, wires and stents, etc.) because of their higher strength and
toughness than other types of materials and also because of additional
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characteristics such as superelasticity or shape memory function. Many of these
applications are made of the stainless steels and Co and Ti alloys, which reluctantly
contain toxic elements such as Ni, Co, V, Al, etc. to sustain the functions. Recently,
many efforts have been put to develop new alloys without toxic elements. Surface
improvement is an alternative method to address this problem, e.g., producing a
surface barrier on NiTi to suppress Ni ion release by gas nitriding (causing TiNi and
Ti,NiHp s compound layers) [1], chemical vapor deposition (CVD) (causing
paracyclophane layers [2]), plasma ion implantation (causing surface layer of
carbon [3] and phosphorus oxide [4]), solgel (causing TiO, layer [5]), and H,O,
(causing titania scale mainly composed of rutile and anatase [6]) methods.
Although these methods can work, the resulting barrier is not sufficiently thick
and is typically on the order of several hundred nm. To produce a thicker barrier, a
laser spraying method has been shown to perform well [7]. However, the equipment
is expensive and/or the running costs are high. Recently, our research group
developed a novel dealloying method to dissolve a specific element from an alloy
into a metallic melt, metallurgically, and succeeded in preparing nano-/micropo-
rous metals [8—12]. In this study, we apply this dealloying method to remove toxic
elements from the surface of biomedical alloys and then investigate the resulting
effect on the biocompatibility.

8.1.1 Conventional Dealloying Method

Nano-/mesoporous metals have been prepared by the dealloying (or leaching)
method, which involves the selective elusion of constituent element(s) from an
alloy in a corrosive aqueous solution followed by the self-organization of a porous
structure by the remaining element(s). In the 1920s, for example, M. Raney
succeeded in preparing porous Ni by dipping a Ni—Si alloy precursor in a sodium
hydroxide aqueous solution for removal of the Si element [13]. The resulting porous
product is known as the Raney Ni catalyst, which has been used for curing oils and
fats. Porous metals subsequently prepared by this method have been called “Raney
metals” and have been used for various kinds of catalysts. Because the mechanism
of this method involves corrosion in an aqueous solution, this method can be
typically applied to the preparation of porous structures with noble metals having
a higher potential than the standard hydrogen electrode or for iron group elements
such as Fe [14], Co [15], and Ni using the electrochemical approach. In 1979, Forty
prepared porous gold by dipping a Au—Ag alloy precursor in a nitric acid aqueous
solution to remove the Ag element selectively and determined that the self-organi-
zation of the porous structure was mainly achieved by surface diffusion of the
remaining Au element [16]. Later, this proposed self-organization was validated by
Erlebacher et al. by means of kinetic Monte Carlo simulations [17].

Although this dealloying method is simple and easy, targets are limited to the
noble or iron group elements. If we attempt to apply this method to the less noble
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s ini ily oxidized,
“base” elements, the remaining elements are easily oxidized, and the process does
not result in the formation of a porous structure.

8.1.2 Dealloying in a Metallic Melt

Since Raney’s work, researchers have sought alternative methods to produce
porous structures using base metals. To overcome this limitation, we have
succeeded in using a metallic melt in place of a corrosive aqueous solution [8].
This method can also be applicable to base metals, which serve as the remaining
element, because metallic melts do not ideally contain oxygen. The problem is how
we design the selective dissolution of an element from an alloy precursor in a
metallic melt. To understand this problem, we focus on the mixture or separation of
materials. When we mix two elements, the free energy change due to this event is

AGmix = A]—]mix - TASmixa (81)

where AHpix is the heat of mixing, ASpx is the entropy of mixing, and T is the
absolute temperature. Usually, the entropy increases after mixing. Therefore, if
AHix < 0, then AGpix < 0, and the mixing reaction can occur spontaneously from
a thermodynamic point of view. On the other hand, if AH,;x > 0, the sign (positive
or negative) of AGp,x depends on the temperature. If the temperature is adequately
controlled to make the enthalpy term larger than the entropy term, then AGpix > O,
and we can avoid the mixture of the two elements. Here we dip an A-B binary alloy
precursor into a metallic melt consisting of element C. If the heat of mixing between
elements B and C is negative, i.e., AHnix, p—c <0, and if the heat of mixing
between elements A and C is positive, i.e., AHyix, a—c > 0, then by controlling
temperature adequately only element B dissolves from the precursor into the C
melt; since element A is rejected from the C melt, it is expected to self-organize into
a porous structure by surface diffusion in the same manner as that of the ordinary
dealloying method in an aqueous solution [16]. Figure 8.1 shows a schematic of this

Fig. 8.1 Schematic of the dealloying method using a metallic melt, where atom B (orange)
dissolves into a melt composed of C atoms (pink) and the remaining atom A (yellowish green) self-
organizes into a porous structure by surface diffusion
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novel dealloying method that involves the selective dissolution of B atoms (orange)
in the C atom melt (pink) and surface diffusion of the remaining A atoms (yellowish
green). Figure 8.2 summarizes this “triangle” relationship in terms of the heat of
mixing among elements A, B, and C required for the dealloying reaction in a
metallic melt. Because the heat of mixing is expressed usually with temperature
and chemical composition, we have to calculate the rigid value with considering
these parameters for the heat of mixing with these parameters for designing the
dealloying reaction. However, this is sometimes complicated. The heat of mixing
between the transition metals and the transition metals and metalloids can be
obtained from the table in Ref. [18], the values of which are approximately
calculated by the Miedema model and that of other metals can be obtained from
the table constructed by Takeuchi et al. [19]. In our study, we first identify the
candidates for elements A, B, and C from these values, and we then confirm the
relationships A—B and B—C (mixture) and A—C (separation) by the related binary
phase diagrams. The following are demonstrations of the design of the dealloying
reaction in a metallic melt for preparing porous hcp-Ti (a-Ti) and bee-Ti (B-Ti)
alloys as examples.

8.2 Porous a-Ti and B-Ti Alloy Prepared
by Dealloying with a Metallic Melt

82.1 oa-Til[8]

The values of heat of mixing between various elements are tabulated in Table 8.1,
which include some RE (rare earth) metal candidates. Here, A =Ti and candidates
for the other suitable elements appropriate to the triangle relationship described by
Fig. 8.2 are selected from the table to be B=Cu and C=Mg. As shown in Fig. 8.3a,
the Ti—Cu binary system includes a solid solution and intermetallic compounds;
thus, this binary system can be used for the precursor. It is confirmed from the
related phase diagrams [20] shown in Fig. 8.3b, ¢ that Mg alloys with Cu
(Fig. 8.3b), which is expected to dissolve from the precursor, while on the other
hand, Mg separates from the Ti element over wide composition and temperature
ranges (Fig. 8.3c). The nominal composition of the precursor is determined to be
TizoCuyg at%. The ingot is prepared by arc-melting high-purity Ti (99.99 mass%)
and Cu (99.99 mass%) metals in an argon atmosphere. Thin ribbons of the Ti—Cu
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Fig. 8.3 Binary phase diagrams for Ti—Cu (a), Cu—-Mg (b), and Mg-Ti (c)
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Fig. 8.4 Scanning electron microscope (SEM) image of a polished surface of TizoCuyq (at%)
alloy dipped in a Mg melt at 973 K for 5 s (a) and a corresponding XRD pattern from the surface
(b) (Reprinted from Ref. [8], Copyright 2011, with permission from Elsevier)

alloy about 10 mm wide and 30 pm thick were prepared by the melt-spinning
method. The x-ray diffraction (XRD) pattern of the ribbon is a broad halo pattern
(not shown), which is a characteristic of an amorphous structure; however, it has
been confirmed that the dealloying reaction does not depend so much on the
precursor structure, and crystalline alloy structures are also acceptable. About
10 g of Mg (99.9 mass%) was inductively heated in a carbon crucible under an
argon atmosphere to create a pure liquid. The Mg melt must be maintained at a
temperature less than 1,233 K, which is the lowest liquid temperature of the
Tis7Cuys (at%) alloy (see Fig. 8.3a), to avoid mixing the Ti—Cu alloy system with
a titanium concentration from 30 at% to 100 at% together with the melt in a liquid
state. Here, we set the melt temperature at 973 K and the dipping time to 5 s.
Figure 8.4 shows (a) a scanning electron microscopy (SEM) image of a polished
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Fig. 8.5 SEM image of the bending fracture surface of porous Ti prepared by dipping the
Tiz0Cuyg (at%) alloy into a Mg melt followed by leaching the Mg phases in a nitric acid aqueous
solution (a) and the EDX result obtained from the central part of the fracture surface (b) (Reprinted
from Ref. [8], Copyright 2011, with permission from Elsevier)

Fig. 8.6 Schematic of
typical composite
structures: bicontinuous (a)
and isolated (b)
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cross section of the ribbon precursor dipped in the Mg melt and (b) the XRD pattern
of the bulk precursor dipped in the Mg melt under nearly the same conditions as the
ribbon precursor shown in (a). It is recognized that the TizoCu,q alloy precursor
became a nanocomposite consisted of hcp-Ti regions of about 200 nm in size
surrounded by hcp-Mg regions after dipping in the Mg melt, which can be con-
firmed by the XRD pattern shown in Fig. 8.4b. The nanocomposite was dipped in a
nitric acid aqueous solution to remove the Mg phase, and then the bending fracture
surface was evaluated by SEM-energy dispersive x-ray spectroscopy (SEM-EDX).
The results in Fig. 8.5 show that the nanocomposite became a porous structure of
pure Ti consisting of hep-Ti particles of ~200 nm size partially bonded together,
and no Mg phase was detected even around the central part of the fracture surface.
Evidently, the nitric acid aqueous solution penetrated from the surface of the
sample and dissolved all traces of Mg phase inside the material. In other words,
the original Ti/Mg nanocomposite was a completely bicontinuous structure, as
schematically shown in Fig. 8.6a, in comparison with the isolated structure
shown in Fig. 8.6b, and all pores remaining after the removal of Mg are connected
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Fig. 8.7 Transmission
electron microscope (TEM)
image of porous Ti with its
corresponding electron
diffraction pattern in the
inset (Reprinted from Ref.
[8], Copyright 2011, with
permission from Elsevier)

to the outside of the sample. Figure 8.7 shows a transmission electron microscopy
(TEM) image and a selected area electron diffraction pattern of the nanoporous Ti.
The presence of Ti particles of a diameter of about 200 nm without grain boundaries
indicates that the particles are single crystals. Thus, the porous structure was formed
by partially connected Ti single crystals. Based on the same reaction design, open-
cell-type nanoporous metals were formed from base metals such as Fe, Cr [10], Nb
[11], and even a metalloid of Si [21], confirming the universality of this reaction
design of dealloying in a metallic melt. Figure 8.8 shows SEM images of the
fracture surfaces of these various nanoporous base metals, and the insets demon-
strate the triangle relationships used in the preparation of each nanoporous metal.

Here, we summarize the preparation procedures for nanoporous metals and
nanocomposites by dealloying in a metallic melt, as they are schematically shown
in Fig. 8.9:

1. Selection of A—B—C elements, which satisfy the triangle relationship of the heats
of mixing (tables of values of heat of mixing and equilibrium phase diagrams can
be used)

2. Preparation of the A-B alloy precursor

3. Selective dissolution of element B from the A-B precursor into the C metal melt
(formation of the porous structure)

4. Removal of the C element by etching with an acid or alkaline solution (the
remaining A component must be inert in the solution)

For preparing nanocomposites, the 4th step of the process is not required.
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Fig. 8.8 SEM images of the fracture surfaces of porous base metals, Mo, Fe, Cr, and Si together
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Fig. 8.9 Schematic of the process of porous metal preparation using dealloying within a metallic
melt

8.2.2 p-Ti Alloy [9]

In the above section, we outlined the newly proposed concept of dealloying where a
metallic melt is used as the dealloying medium. By employing three metal elements
that satisfy the triangle relationship of the heats of mixing shown in Fig. 8.2 and
also referring to the equilibrium phase diagram database, we confirmed that
dealloying actually occurs using a metallic melt, and an open-cell-type nanoporous
Ti was successfully prepared, which has never been achieved by conventional
dealloying in an aqueous solution. In the next step, we apply our dealloying method
for preparing open-cell-type nanoporous metal alloys. To realize this application,
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Fig. 8.10 Triangle
relationship of the
enthalpies of mixing among
Ti, Zr, Cr, Cu, and Mg

the triangle relationship is extended wherein the role of element A in Fig. 8.2 is
expanded to incorporate additional elements A’, A”, ..., which are similar to
element A in terms of their values of heat of mixing with B and C. Based on this
strategy, we expect the formation of nanoporous A-A’-A”... alloys under the
appropriate dealloying conditions. Here, we demonstrate the preparation of a p-
type nanoporous Ti alloy by extending the preparation method for nanoporous Ti
described previously. Generally, Ti has a hcp crystal structure at room temperature
but has a bcce structure as a high temperature phase. By adding bcc stabilizers, a Ti
alloy having a bcc structure, namely, the B-type Ti alloy, can be obtained even at
room temperature. Among the potential bece stabilizers, if those elements which are
similar to Ti in terms of its heat of mixing with Cu and Mg are employed as the
additional elements in the Ti—Cu precursor, these bcc stabilizers will not dissolve
into the Mg melt during dealloying treatment and would thus remain, forming the p-
Ti alloy phase with a nanoporous structure. Among these bcc stabilizers, we
selected Cr and also Zr as a neutral element for the additional elements because
similar to Ti, Cr and Zr can mix with Cu but separate from Mg. These elements
satisfy the triangle relationship of the values of heat of mixing shown in Fig. 8.10. A
pseudo-binary alloy with a composition of (Tig g477Z1¢.055CTg.008)20CuUgo (at%) was
employed as the precursor. The dissolving component, Cu, is added to the
remaining component, Tigs 7Zr55Crg g (at%) alloy, which is reported to form the
pB-Ti alloy at room temperature [22]. Using this precursor, the dealloying reaction in
the Mg melt was investigated.

Figure 8.11a (top) shows XRD patterns of the 40 pm thick
(Tig.847Z10.055Cr0.008)20Cugo melt-spun ribbon precursor. The phases present in
the as-spun ribbon precursor were a mixture of crystalline Cu and CusTi. Fig-
ure 8.11a (bottom) and 8.11b shows XRD patterns and a back-scattering SEM
image from a cross section of the (Tig g47Z1¢.056Cro.008)20CUgo alloy dealloyed in the
Mg melt at 973 K for 15 min, respectively. The XRD measurement was performed
with the bulk sample prepared under the same conditions as the melt-spun ribbon to
enhance the accuracy. These analyses reveal that the precursor composed of Cu and
Cu;Ti phases transformed into a nanocomposite of a-Mg and B-Ti composed of
regions about 500 nm in size by dealloying the Cu element in the Mg melt.
Figure 8.12 shows (a) bending fracture surface, (b) enlarged surface, (c) EDX
spectrum, and (d) TEM image with the electron diffraction pattern in the inset for
the porous Ti-based alloy prepared by etching a-Mg from the -Ti/a-Mg composite
using a 3 mol/l nitric acid solution for 30 min followed by washing/drying.
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Fig. 8.11 XRD patterns of (Tio.g47Zr0.055Cr0.008)20Cugq (at%), as melt spun (fop) and dealloyed in
a Mg melt at 973 K for 15 min (bottom) (a), and SEM image of the polished surface of the
dealloyed sample (b) (Reprinted from Ref. [9], Copyright 2011, with permission from Elsevier)
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Fig. 8.12 SEM image of the fracture surface of the porous p-Ti alloy (low magnification (a) and
high magnification (b)), EDX spectrum obtained from the surface (c¢), and TEM image of the
porous p-Ti alloy together with the electron diffraction pattern in the inset (d) (Reprinted from Ref.
[9], Copyright 2011, with permission from Elsevier)
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Fig. 8.13 SEM images of the fracture surface of porous Ni—Cr (/eft) and Fe—Cr (right) prepared
by dealloying within a metallic melt

The SEM image of the cross section (Fig. 8.12a) indicates that the porous
structure of a ligament size of about 500 nm is uniformly spread throughout. The
corresponding EDX spectrum (Fig. 8.12c) shows that the porous alloy has a
composition of TigggoZr4.73Cr9 18 (at%), which is nearly the same as that of the
initial alloy precursor. No Mg was detected from the fracture surface, indicating
that the a-Mg/p-Ti composite alloy had a bicontinuous structure; hence, the
resulting nanoporous Ti alloy had an open-cell structure, which is the same as the
case of nanoporous a-Ti described previously. These results confirm that the
triangle relationship of the heats of mixing shown in Fig. 8.2 can be applied for
preparation of nanoporous alloys, as shown in Fig. 8.10. Using this strategy, we
have succeeded in preparing open-cell-type nanoporous alloys of base metals such
as Ni—Cr alloy [23] and Fe—Cr stainless steel [10], as shown in Fig. 8.13, which
have never been prepared by the conventional dealloying method.

8.3 Surface Improvement of Biomedical Ti Alloys
by Dealloying with a Metallic Melt

8.3.1 Ni-Ti (Nitinol) [24]
8.3.1.1 Dealloying Treatment in a Metallic Melt

We intend to remove the toxic Ni element from the surface of a Ni-Ti alloy, which
has been used for various biomedical applications due to its excellent
superelasticity [25]. In order to remove the Ni element from the Ni-Ti alloy by
the dealloying reaction, the elements in the triangle relationship given in Fig. 8.2
are designated as A =Ti, B=Ni, and C=Mg, Ca, and RE metals. Here, we selected
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Fig. 8.14 Triangle
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Fig. 8.15 XRD patterns of As-polished, As-acid-treated, and porous NiTi using the a-20 (a) and
0-20 (b) methods (Reprinted from Ref. [24]. Copyright 2010, with permission from Tohoku
University, Japan)

Ce (melting point= 1,071 K) as the C element from the potential candidates, which
yields the triangle illustrated in Fig. 8.14. The Ce melt bath was prepared in a
commercial Ti crucible by the high-frequency induction melting method at 1,073 K
under an argon atmosphere. A polished NiTi disk (~1.2 mm in thickness) was tied
by a molybdenum wire and then immersed in the Ce melt bath for 0.24 ks to remove
the toxic Ni element from the surface. After this dealloying treatment, the disk was
immersed in an acid aqueous solution composed of H,O:HNO5:HCl =15:8:3 (vol.)
for 2.8 ks at ambient temperature to remove the Ce phases from the surface. After
the disk was cleaned by ethanol and ultra-purified water using an ultrasonic cleaner
and subsequently dried, the surface modified disks, hereafter referred to as “porous
NiTi,” were obtained.

Figure 8.15 shows XRD patterns of the surface of the modified disks using the 0-
20 and a-20 methods for the interior and surface investigations, respectively. The
“As-polished” disk, prior to both the dealloying and acid treatments, is found to be
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Fig. 8.16 SEM images of the surfaces of As-polished (a), As-acid-treated (b), and porous NiTi (c)
(Reprinted from Ref. [24]. Copyright 2010, with permission from Tohoku University, Japan)

Fig. 8.17 EDX spectra of T T T T T T T T
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composed of NiTi with both austenite (B2) and martensite (B19’) phases. The XRD
pattern of the a-20 method exhibits the B19’ peaks more prominently than that of
the 0-20 method. This indicates that the B19’ phase exists around the surface more
than the interior; thus, this phase is considered to be generated during the polishing
treatment by a stress-induced mechanism. The porous NiTi disk was found to be
composed of a-Ti and a NiTi, intermetallic compound. Figure 8.16 shows surface
SEM images of the As-polished (a), As-acid-treated (b), and porous NiTi (c) disks.
The porous NiTi disk is thereby confirmed to have a porous surface with a porosity
of ~1 pm. From the EDX analysis results shown in Fig. 8.17, the concentration of
the Ni element detected from the porous NiTi disk surface clearly decreases due to
the dealloying treatment in the Ce melt bath. Table 8.2 shows the concentrations of
Ni and Ti in each sample derived from the EDX results. The As-polished sample
shows nearly Ni:Ti=1:1, being the same as the nominal alloy composition. On the
other hand, the porous NiTi shows Ni:Ti=1:9 confirming a decrease in the Ni
content. Figure 8.18 shows an SEM image of a cross section of the porous NiTi.
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Table 8.2 EDX quantitative Concentration of elements (at%)

analyses of the surface of As- Specimen Ni Ti Total

polished, As-acid-treated, and P

porous NiTi As-polished 50.67 49.33 100
As-acid-treated 51.71 48.29 100
Porous NiTi 13.47 86.53 100

Fig. 8.18 SEM image of a
cross section of the porous
NiTi. Arrows indicate TiC
precipitates (Reprinted from
Ref. [24]. Copyright 2010,
with permission from
Tohoku University, Japan)
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Fig. 8.19 High magnification SEM images of a cross section of the porous NiTi. I~IV correspond
to the regions numbered in Fig. 8.18 (Reprinted from Ref. [24]. Copyright 2010, with permission
from Tohoku University, Japan)

After the dealloying treatment, a multilayered structure having different porous
features is observed at a depth of 200-300 pm. Hereafter, these layers are denoted
as Regions I, 11, III, and IV, from the outermost surface to the interior, respectively.
Enlarged SEM images for each region are shown in Fig. 8.19. Region I exhibits a
porous structure and its thickness is about 20 pm. Regions II and IIT also have a
porous structure, but Region II has finer pores than Region III. The thickness of
Regions II and III is 60 and 120 pm, respectively. Region IV represents the
substrate. TiC precipitates of about 10 pm diameter, appearing as dark-gray regions
in Fig. 8.18, originated from the NiTi substrate and can be observed in Regions II
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Fig. 8.20 Line analysis of a
cross section of the porous
NiTi sample. I~IV
correspond to the regions
numbered in Fig. 8.18
(Reprinted from Ref. [24].
Copyright 2010, with
permission from Tohoku
University, Japan)
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and III, suggesting that the substrate material remained in these regions due to
incomplete dealloying treatment. Figure 8.20 shows an EDX composition profile
from a line analysis passing from Region IV to Region I in the porous NiTi. The
concentration of Ni was found to decrease stepwise while the Ti concentration
increased. The Ni concentration in Regions I and II is nearly zero and is about 30 %
in Region III. These results indicate that dealloying of Ni occurred from Region I to
IIT to a 200 pm depth. A preliminary experiment using a 40 pm thick NiTi ribbon
with a Ce melt revealed that the time required to completely remove Ni from the
allow sample using the dealloying method was 0.24 ks; thus, the dealloying rate is
estimated to be ~8.3 x 10~ pm/s. Therefore, from these preliminary results, we
would expect dealloying to form a porous layer about 20 pm thick on the disk
sample. However, in fact, after dealloying, the multilayer structure composed of
different porous features was formed to a 200 pm depth. Figure 8.21 shows XRD
patterns measured from the porous NiTi after mechanically polishing the surface
down to several depths. Each position of the XRD pattern on the left-hand side
corresponds to the depth from the surface on the right-hand side SEM image. From
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Fig. 8.21 6-20 XRD depth profile of the surface of the porous NiTi. I~IV correspond to the
regions numbered in Fig. 8.18 (Reprinted from Ref. [24]. Copyright 2010, with permission from
Tohoku University, Japan)

Fig. 8.22 Schematic of the 873 K

temperature schedule for

the oxidization treatment A

process in air (Reprinted 573K

from Ref. [24]. Copyright 86.4 ks
2010, with permission from

Tohoku University, Japan) 0 ks Air

&S

the XRD analysis, Regions I and II were identified as o-Ti phase. Region III was
identified as NiTi, phase. Region IV was identified as an austenite phase,
confirming this region as the original NiTi substrate layer.

8.3.1.2 Oxidization Treatment in Air

Surface oxidation of Ti alloy is known for effective way to suppress metal ion
release in the simulated body fluid [5, 6]. So in this study, we oxidized surface of the
dealloyed porous NiTi alloy for further suppression of Ni ion release and investi-
gated the synergetic effect of dealloying and oxidation on Ni ion release.
Oxidization treatment was performed in air using an electric furnace. Figure 8.22
shows the heating program utilized for the oxidization treatment. The As-polished,
As-acid-treated, and porous NiTi samples were used. Prior to the oxidization
treatment, the samples were washed under ultrasonic vibration in ultra-purified
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Fig. 8.23 (a) a-20 and (b) 6-20 XRD patterns of As-polished, As-acid-treated, and porous NiTi
oxidized in air at 573 K for 86.4 ks (Reprinted from Ref. [24]. Copyright 2010, with permission
from Tohoku University, Japan)

water and ethanol for 0.3 ks followed by drying. The holding times were 86.4 ks at
573 K and O ks at 873 K (here, “0 ks” means that after reaching 873 K, furnace
cooling (FC) began immediately).

8.3.1.3 Phase and Morphology

Figures 8.23 and 8.24 show XRD patterns of the samples oxidized at 573 K for
86.4 ks and 873 K for O ks, respectively, under the «-20 and 0-20 scanning modes.
The titanium oxide phase was not detected from either of the samples oxidized at
573 K for 86.4 ks in air. In the porous NiTi, the Ni,Ti,O phase was likely detected.
However, because the crystal structure of the Ni,Ti4O phase is quite similar to the
NiTi, phase, it was difficult to identify the phase after oxidation treatment by the
XRD method. There are some reports of a Ni,Ti4O phase forming via the interac-
tion with the oxygen in air [26, 27]. Therefore, we consider that the Ni,Ti4O phase
formed in the porous NiTi. More detailed investigation is necessary for precise
phase identification. Meanwhile, the rutile and NizTi phases were detected in the
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Fig. 8.24 (a) a-20 and (b) 6-20 XRD patterns of As-polished, As-acid-treated, and porous NiTi
oxidized in air at 873 K for 0 ks (Reprinted from Ref. [24]. Copyright 2010, with permission from
Tohoku University, Japan)

As-polished sample oxidized at 873 K for 0 ks in air. The formation mechanism of
the Ni3Ti phase is considered to be the result of Ti diffusion into the surface oxide
layer, wherein the Ti-poor region that formed beneath the oxide layer transformed
into a relatively Ni-rich phase, Ni3Ti. In the porous NiTi, rutile and Ni, Ti4O phases
were detected. Figures 8.25 and 8.26 show SEM images of the surface features of
the samples after oxidation at 573 K for 86.4 ks and 873 K for 0 ks in air,
respectively. No obvious change of surface features was observed in the As-
polished and As-acid-treated samples before/after oxidation at 573 K for 86.4 ks
in air. However, by oxidation at the highest temperature of 873 K for 0 ks in air,
oxide particles formed. In the porous NiTi sample, a more strongly interconnected
porous structure formed after the oxidation treatment and was more significant for
the sample oxidized at 873 K for O ks in air. Figure 8.27 shows SEM images of the
cross section of the porous NiTi oxidized at the lowest temperature of 573 K for
86.4 ks in air. No obvious change was detected compared to the untreated sample
(see Fig. 8.19). Figure 8.28 shows SEM images of the cross section of the porous
NiTi oxidized at 873 K for O ks in air. After the treatment, the pores in Region II
become more significant, and the interface between Regions II and III becomes
unclear.
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Fig. 8.25 SEM images of the surface of As-polished (a), As-acid-treated (b), and porous NiTi (c)
oxidized in air at 573 K for 86.4 ks (Reprinted from ref. [24]. Copyright 2010, with permission
from Tohoku University, Japan)
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Fig. 8.26 SEM images of the surface of As-polished (a), As-acid-treated (b), and porous NiTi (c)
oxidized in air at 873 K for 0 ks (Reprinted from Ref. [24]. Copyright 2010, with permission from
Tohoku University, Japan)
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Fig. 8.27 Cross sections of porous NiTi oxidized in air at 573 K for 86.4 ks (Reprinted from ref.
[24]. Copyright 2010, with permission from Tohoku University, Japan)

Fig. 8.28 Cross sections of porous NiTi oxidized in air at 873 K for 0 ks (Reprinted from Ref.
[24]. Copyright 2010, with permission from Tohoku University, Japan)
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Fig. 8.29 Cross section of As-polished oxidized in air (a) at 573 K for 86.4 ks and (b) at 873 K for
0 ks (Reprinted from Ref. [24]. Copyright 2010, with permission from Tohoku University, Japan)

8.3.1.4 Thickness and Composition Profile

Figure 8.29 shows SEM images of the surface region of the cross section of the As-
polished sample after oxidation treatment. For oxidization at 573 K for 86.4 ks in
air, an oxide film of about 50 nm thickness was formed, which is thinner than the
detection limit of the XRD technique. Therefore, no obvious diffraction from the
oxide film was detected from the XRD pattern even using the a-20 scanning mode
(Fig. 8.23a). The thickness of the oxide film formed by oxidation at 873 K for 0 ks
in air was about 500-700 nm. The As-acid-treated sample exhibits a similar XRD
pattern (Fig. 8.24a), indicating that the thickness of the oxide film is very similar to
that of the As-polished sample. In the porous NiTi sample, the cross section could
not be observed because the mechanical polishing damaged the fragile surface of
the porous structure. However, the surface oxide film that formed at the lower
oxidation temperature was considered to be thin. Hence, the surface oxide film that
developed at 573 K is expected to have good adhesion to the substrate. For
microstructural observation of the oxidized porous NiTi sample, the focused ion
beam (FIB) technique is useful for fabricating cross sections. Figure 8.30 shows a
line analysis of the EDX composition profile of the porous NiTi sample oxidized
under various conditions in air from the sample center to the surface. In the sample
oxidized at 573 K for 86.4 ks in air, oxygen was detected from Region I to Region
III, and its intensity is stronger in Region III, suggesting that oxidation proceeded to
this depth. Similarly, in the porous NiTi sample oxidized at 873 K for 0 ks in air,
oxygen was detected from Region I to Region III.

8.3.1.5 Evaluation of Ni and Ti Ion Release Behavior
in Simulated Body Fluid

Figure 8.31 shows the immersion time dependence of Ni and Ti ion release from the
porous NiTi sample in a 1 mass% lactic acid solution after 86.4 ks (1 day), 259.2 ks
(3 days), and 604.8 ks (7 days). The Ni and Ti ion release increase with increasing
immersion time. Figure 8.32 shows the immersion time dependence of Ni and Ti
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Fig. 8.30 Line analyses of cross sections of porous NiTi oxidized in air at 573 K for 86.4 ks (a)
and at 873 K for 0 ks (b) (Reprinted from Ref. [24]. Copyright 2010, with permission from Tohoku
University, Japan)
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ion release from the As-polished and As-acid-treated samples in a 1 mass% lactic
acid solution after 1, 3, and 7 days. For the As-polished sample, the Ni ion release
decreases with increasing immersion time, while that of the Ti ion increases linearly
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with increasing immersion time. Figure 8.33 shows a comparison of Ni and Ti ion
release among all samples in a 1 mass% lactic acid solution after 7 days. The table
at the bottom of the figure summarizes the conditions of sample preparation and
concentrations of ion release. Concentrations of released Ni and Ti ions are
6,010 ppb and 208 ppb, respectively, from the As-polished and 6,930 ppb and
6,059 ppb, respectively, from the porous NiTi sample. There was no significant
difference in the concentration of Ni ion release between these samples. Consider-
ing that the porous NiTi sample has a much larger surface area than that of the As-
polished sample, it can be concluded that the dealloying treatment in the Ce melt
performs well for reducing the extent of Ni ion release. The As-polished sample
oxidized at 573 K for 86.4 ks in air showed Ni and Ti ion release concentrations of
3,167 ppb and 69 ppb, respectively, being lower than those of the As-polished
sample. On the other hand, the As-polished sample oxidized at 873 K for O ks in air
shows Ni and Ti ion release concentrations of 8,034 ppb and 343 ppb, respectively,
being larger than those of the As-polished sample. The porous NiTi samples
oxidized under both conditions resulted in a diminished Ni ion release, and espe-
cially, the oxidization treatment at 537 K for 86.4 ks in air was found to be the most
effective for reducing Ni ion release, which is the same tendency demonstrated by
the As-polished samples. A depth profile by XRD of the porous NiTi suggests that
the 1 mass% lactic acid solution penetrated into Region III containing the NiTi,
phase and contacted with Region IV (the substrate). These regions, which are more
enriched by Ni, thus released more Ni ions. As a result, the porous NiTi sample
released a higher concentration of Ni ions than the As-polished sample. The
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Fig. 8.33 Concentration of released Ni and Ti ions from each specimen treated under various
conditions into a 1 mass% lactic acid solution after 604.8 ks (7 days) immersion (Reprinted from
Ref. [24]. Copyright 2010, with permission from Tohoku University, Japan)

increased Ti ion release from the porous NiTi sample was caused mainly by the
greatly increased surface area. The specific surface area of the porous NiTi can be
roughly estimated to be the range of 1~10 m?/g, based upon another dealloying
study for porous Nb [11]. By adopting this result, the surface area of the porous
NiTi (~0.3 g) was estimated to be 0.3~3 m?, which is ~10*"> times larger than that
of the As-polished sample (1.25 x 10~ m?). Although the increase of surface area
caused by the dealloying treatment is very large, the increase of Ni ion release is not
so high, indicating that Ni ion release from a unit surface area efficiently decreased.
However, when we compare the Ni ion release from samples with the same
dimensions, the total amount of Ni ion release is more important than that from
the unit surface area. Further optimization on the dealloying conditions for
suppressing an increase in the surface area by the dealloying treatment is required
to reduce the absolute value of the Ni ion release.
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8.3.1.6 Effect of Oxidization on the Ion Release

Oxidation treatment on the As-polished sample at 537 K for 86.4 ks in air resulted
in decreased ion release. However, the oxidization treatment at 873 K for O ks in air
resulted in an increased Ni ion release. Firstov has reported that oxidization
treatments at 537-773 K in air formed flat oxide films, while those at 837—
1,073 K formed roughened and nanoporous oxide films [28]. Sugawara et al.
reported the formation of an amorphous Ti oxide film on the NiTi alloy by
oxidization treatment below 773 K in a gas mixture consisting of 80 % N, and
20 % O, [29]. This suggests that the reduced Ni ion release from the sample
oxidized at 573 K for 86.4 ks in air was caused by the formation of a dense
amorphous oxide layer by oxidation treatment, which in the present study effec-
tively acted as a barrier against Ni ion release. By the oxidization treatment at 873 K
for O ks in air, the formation of oxide particles on the titanium oxide surface is
observed, as described in the Section of 8.3.1.3, which is in agreement with the
phenomena reported by Firstov and Sugawara. Due to roughening of the surface
film by oxidation at 873 K for O ks in air, a pathway for Ni ion release was formed in
the titanium oxide film, resulting in a reduced barrier effect against Ni ion release.
In addition, as shown in Fig. 8.23, formation of Ni;Ti phase on the surface was
observed, which also contributed to a greater Ni ion release from the sample.

8.4 Summary

Using the dealloying method in a metallic melt, selective removal of toxic Ni
element from the surface of NiTi alloy, which has been used as a biomedical
metal, was attempted in order to improve their biocompatibility.

1. By immersing NiTi into a Ce melt, the Ni concentration on the surface of the
NiTi alloy was drastically reduced while developing a porous Ti surface layer.

2. Although a drastic decrease of surface Ni concentration was demonstrated, Ni
ion release from the dealloyed NiTi in a lactic acid aqueous solution was found
to slightly decrease from that of nontreated NiTi. This is considered to be due to
the substantially increased surface area, which is ~10%" times larger than that of
the original sample, induced by the dealloying treatment, although Ni ion release
per unit of surface area of the dealloyed sample was successfully decreased.

3. By surface oxidation treatment of the dealloyed NiTi at 537 K in air, ion release
in the lactic acid aqueous solution was found to be suppressed.

More research is required to optimize the dealloying conditions that can realize a
reduction of the surface concentration of a toxic element without increasing the
surface area. Additionally, more effective surface treatments can be achieved by
applying the dealloying method together with a carefully crafted subsequent surface
oxidation treatment.
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Chapter 9
Functionally Graded Metallic Biomaterials

Yoshimi Watanabe, Hisashi Sato, and Eri Miura-Fujiwara

Abstract In functionally graded materials (FGMs), the composition and/or
microstructure gradually changes over the volume [3-5], resulting in corresponding
changes in the properties of the materials. There are many areas of application for
FGMs, and one of them is biomedical application. In this chapter, at first, the merits
of the metallic biomaterials with graded composition and/or microstructure are
described. Then, microstructures and mechanical properties of Ti/biodegradable-
polymer FGMs for bone tissue by spark plasma sintering (SPS) method, continuous
graded composition in Ti—ZrO, bio-FGMs by mixed-powder pouring method, and
Al-based FGMs containing TiO, nanoparticles with antibacterial activity by a
centrifugal mixed-powder method are introduced. Also, our experimental results
of white ceramic coating on Ti—-29Nb—13Ta—4.6Zr alloy for dental application and
magnetic graded materials by inhomogeneous heat treatment of SUS304 stainless
steel are given.

Keywords Functionally graded materials (FGMs) ¢ Metal matrix composite
(MMC) « Centrifugal force ¢ Spark plasma sintering (SPS) ¢ Ti—-29Nb-13Ta—
4.6Zr alloy * Photocatalyst ¢ Stainless steel

9.1 Functionally Graded Materials (FGMs) for Biomedical
Applications

Biomaterials should simultaneously satisfy many requirements and possess prop-
erties such as nontoxicity, corrosion resistance, thermal conductivity, strength,
fatigue durability, biocompatibility, and sometimes esthetics [1]. A single compo-
sition with a uniform structure may not satisfy all such requirements. For example,
in the case of a dental implantation, the part positioned inside the jaw bone needs
more biocompatibility and affinity for bone formation, while the other part
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positioned outside jaw bone and exposed to intraoral conditions needs the mechan-
ical properties and good fit of shape to adapt to prosthetic appliances [2]. However,
although the surface is sometimes modified with a coating layer, currently used
implants have mostly uniform composition and structure inside each material layer.
To satisfy such requirements and possess properties within one material simulta-
neously, the concept of functionally graded materials (FGMs) is very useful, where
FGMs are the advanced composite materials characterized by spatial variations in
composition and/or microstructure that changes over the volume [3-5]. Figure 9.1
illustrates the compositional and functional differences between coated-type or
joined-type composite and FGMs. The coated-type or joined-type composite,
shown in Fig. 9.1a, is a type of macroscopically inhomogeneous material with
material A at one end and material B at the other. The most serious problem with
the coated-type or joined-type composite is a macroscopic interface. Since the
functions of this material change discretely from the material A part to the material
B part at the macroscopic interface, cracking and/or delamination should occur
near/at the interface during processing or use of the part. This problem can be
overcome by eliminating the macroscopic interface, as shown in Fig. 9.1b, where
the composition and/or microstructure varies gradually. Thus, the properties should
be changed continuously by the absence of a macroscopic interface in the FGMs.

The suitable properties for dental implant are shown in Fig. 9.2. For the case of
uniform implant, the properties such as strength and biocompatibility are constant
throughout the implant material. On the other hand, the implant with compositional
gradient could control the functions of mechanical properties and biocompatibility,
depending on the necessity of each part of implant, without the abrupt change due to
the formation of discrete boundary [6]. Thus, the so-called trade-off relation can be
overcome by the idea of FGMs.
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Indeed, we can find many FGMs structures in nature; this is because biological
systems such as plant stems and tree stems, animal bones, mollusk shells, and other
biological hard tissues tend to be optimized for the loading conditions, to which
they are subjected [5]. Human tissues have been also developed and remodeled in
such a way to best adapt the function requirements. Consequently, the biological
systems are complicated and non-uniform. For example, bamboo and certain other
plants have excellent characters based on functionally graded structures [7].
Figure 9.3 shows a cross section of bamboo stem. The matrix of bamboo is filled
by soft tissue cells called parenchymatous cells, and that is longitudinally
reinforced by strong fibers called the vascular bundle sheath. Graded structure of
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the density, size, and shape of the vascular bundle sheath can be found along the
radial direction.

A number of FGMs fabrication methods have been proposed and comprehensive
reports have been given on the general fabrication methods [3-5]. In general, there
are three approaches to fabricate FGMs, as shown in Fig. 9.4. The first one is to
eliminate the interface of coated-type or joined-type composite, eliminating dis-
continuities in the properties at the interface, as shown in Fig. 9.4a. Compositional
gradient can be formed by elimination of the sharp interface by diffusion. The
second one is to induce non-uniform distributions of dispersoids in a homogeneous
particle composite, creating multiple functions within the material, as shown in
Fig. 9.4b. One example is centrifugal method. In the centrifugal method, a centrif-
ugal force applied to a homogeneous molten composite assists the formation of the
desired gradation. The composition gradient is then achieved primarily due to the
difference in the centrifugal force produced by the difference in density between the
molten metal and solid particles [8]. The apparatus for the centrifugal method and
motion of solid particles under the centrifugal force are shown in Fig. 9.5. The third
one is carried out by sequential buildup of layers, as shown in Fig. 9.4c. Powder
processing, thermal spray processing, chemical vapor deposition (CVD), and phys-
ical vapor deposition (PVD) are the typical examples.

Fabrication of FGMs by the powder processing is schematically illustrated in
Fig. 9.6. At first, material A and material B are weighed and mixed. Then, graded
compacts are produced by sequentially layering the powder mixture in the die
according to a predesigned spatial distribution of the composition. Finally, the
sintering is carried out by hot isostatic pressing (HIP), pressureless sintering after
cold isostatic pressing (CIP) compaction, hot press, and spark plasma sintering
(SPS).
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Fig. 9.4 Three approaches to fabricate FGMs
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Fig. 9.7 Fabrication of the FGMs by thermal spray processing. (a) Multiple feeder method and
(b) multiple torch method

In thermal spraying, feedstock material (coating precursor) is introduced into a
combustion or plasma flame. The molten or semimolten micrometer-sized particles
are accelerated toward substrates, and coatings are made by the accumulation of
numerous sprayed particles. Since the deposit by the thermal spray processing is
formed through the sequential buildup of layers, a number of approaches can be
used to produce a graded deposit [9]. Figure 9.7a, b shows multiple feeder method
and multiple torch method, respectively. In the case of multiple feeder method,
material A and material B are simultaneously introduced into the plasma jet by
changing the mixture ratio. On the other hand, in the case of multiple torch method,
material A and material B are deposited through torch A and torch B, respectively,
with optimum spray parameters for each material.

Functionally graded biomaterials are also fabricated by several methods. For
example, titanium nitride—apatite functionally graded implants are fabricated by
SPS method [10]. It is reported that functionally graded Ti-HAP coatings on Ti—
6Al-4V have been fabricated by chemical solution deposition [11]. Ti-TiC-C
gradient biomaterial has been prepared by means of plasma source ion implant—
ion beam enhanced deposition [12]. Functionally graded (Ca-Ti—O)-(Ca—P-O)
bioceramic film is formed by metal organic chemical vapor deposition (MOCVD)
method [13]. In this chapter, our recent experimental results, Ti/biodegradable-
polymer FGMs for bone tissue fabricated by SPS method, continuous graded
composition in Ti—ZrO, bio-FGMs fabricated by mixed-powder pouring method,
white ceramic coating on Ti—29Nb-13Ta—4.6Zr alloy for dental application, Al-
based FGMs containing TiO, nanoparticles with antibacterial activity by a centrif-
ugal mixed-powder method, and magnetic graded materials by inhomogeneous heat
treatment of SUS304 stainless steel will be introduced.
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9.2 Ti/Biodegradable-Polymer FGMs for Bone Tissue
Fabricated by SPS Method [14]

Ti and Ti alloys are widely used as metallic implants due to their excellent
mechanical properties, corrosion resistance, and nontoxic behavior. However, the
Young’s modulus of currently used Ti alloys (90-110 GPa) is still not ideal
compared with that of human bone (10-20 GPa), which may lead to premature
failure of the implant [15, 16]. Therefore, the low Young’s modulus Ti alloys are
required to decrease the stress-shielding effect in bone implant coupling, enhancing
bone regeneration and avoiding resorption process. In order to reduce the apparent
elastic modulus of Ti and its alloys, recently, porous Ti and its alloys have been
developing. Moreover although they are classified into bioinert materials, a con-
duction of living bone occurs on the surface of implanted materials that reside in the
body for a long period. This can lead to refracture of cured bone in removal
operations [17].

Meanwhile, poly-L-lactic acid (PLLA) has attracted much attention, because it
is biodegradable, compostable, producible from renewable resources, and nontoxic
to the human body and the environment [18]. If Ti-based biocomposites containing
PLLA could be fabricated, the PLLA can be gradually decomposed inside the body
with progress of time, and then the pore can be generated into the Ti matrix during
repairing of the bone. Since the bone can simultaneously penetrate into the pore, the
Ti matrix can be tightly bonded with the bone. However, there is a large difference
of melting point between Ti and PLLA. Namely, the melting points of Ti and PLLA
are 1,670 °C and around 170-180 °C, respectively. Therefore, the process of the Ti-
based biocomposite containing PLLA must be done at relative lower temperature;
as a result, the strength of the obtained composite becomes lower [19]. Alterna-
tively, the space holder method is applied. Porosity is generated by removing the
spacer that was sintered with the base material [20, 21]. Moreover, for the bulk
mechanical property, fabricated Ti-PLLA composite must have lower Young’s
modulus, while wear resistance around the surface must be improved. Such trade-
off relation can be overcome by the concept of FGMs.

Prior to fabricating the Ti-PLLA FGMs, the Ti—-NaCl composite was fabricated
by SPS method using powder mixture of commercially pure (CP) Ti powder (under
56 pm) and NaCl (hexahedron shapes; some of the NaCl particle size was over
500 pm) to complete the sintering of Ti matrix, since the difference in melting
points of these materials is relatively small. Volume fractions of NaCl powder were
30 vol%, 50 vol.%, and 70 vol.%. The Ti—-NaCl powder mixture was sintered at
700 °C for 5 min under applied stress of 30 MPa. Figure 9.8a, b shows optical
microscope (OM) images of Ti—30vol.%NaCl and Ti—70vol.%NaCl composites,
respectively [14]. The upper and lower pictures were observed on plane Z, and
plane R, respectively. As can be seen in Fig. 9.8, oblate NaCl particles are observed
on the plane R, whereas there is no anisotropic microstructure on the plane Z,. That
is, NaCl particles are compressed during the SPS process.
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Fig. 9.8 OM images of (a) Ti—30 vol.%NaCl and (b) Ti—70 vol.%NaCl composites at plane Z,
and plane R before dissolving NaCl particles (Reprinted from Ref. [14], Copyright 2011, with
permission from Elsevier)

The Ti—-NaCl composites were put into hot water of 100 °C to obtain porous Ti.
Hereafter porous Ti samples obtained from Ti—30vol.%NaCl, Ti—50vol.%NaCl,
and Ti—70vol.%NaCl composites by the dissolution process are abbreviated to
porous Ti(30), porous Ti(50), and porous Ti(70), respectively. It is found that
porous Ti(50) and porous Ti(70) samples have no remained NaCl particles, and
porous Ti(50) and porous Ti(70) have open pores. Figure 9.9 shows the pore size
distribution in the porous Ti(50) [14]. In these graphs, mean pore size range in the
specimen distributes within 200—600 pm. It is reported that the optimal pore size in
porous bone substitutes to obtain differentiation and growth of osteoblasts and
vascularization is approximately 300400 pm or 200-500 pm [22]. Thus, the
obtained porous Ti is satisfied the basic requirement of biomedical pores of hard
tissues.

Relationship between bulk density and porosity was investigated as shown in
Fig. 9.10 [14]. As can be seen, the more porosity increased, the more density
decreased linearly. Since the density of bone is 1.6-2.0 Mg/m?>, the porous Ti(50)
has closed value to the range of bone density. In addition, at least the most of all
pores is supposed to be open pore and no residual NaCl remained in the bulk in Ti
(50).

Young’s modulus and 0.2 % proof stress of pure Ti and porous Ti samples are
shown in Fig. 9.11a, b, respectively [14]. Young’s modulus and 0.2 % proof stress
of samples are decreased with increasing volume fraction of pores (porosity).
Moreover, anisotropy of these properties is found for porous Ti samples. Although
Young’s modulus of pure Ti is close to the required one, 0.2 % proof stress of pure
Ti is much larger than the required yield stress. On the other hand, Young’s
modulus of the porous Ti(30) is smaller than the required modulus, and its 0.2 %
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proof stress is almost the same stress with ideal metallic implant material. From
these results, it is found that porous Ti(30) can satisfy both requirements of Young’s
modulus and yield stress as a metallic implant material by means of improving its
Young’s modulus, although the porous Ti(30) does not have open pores. In addi-
tion, porous Ti(50) has open pores and it is likely to be able to satisfy the
requirements by means of adding a reinforcement material into pores. Biodegrad-
able material such as PLLA would be one of expectable materials as reinforcement
filler.

To fabricate the Ti-PLLA FGMs, porous Ti sample obtained from Ti—-NaCl
composites with 50 vol.% NaCl and PLLA pellets were mixed in recovery flask,
and the flask was heated at about 200 °C to melt PLLA pellets. After porous Ti
samples were covered with melted PLLA, an aspirator vacuumed the samples in the
flask to remove the air in pores. Following the procedures, the flask was reverted to
atmospheric pressure and then melting PLLA was introduced into the pores of
porous Ti samples. Figure 9.12a, b shows OM micrographs showing the Ti—-PLLA
FGMs sample fabricated from porous Ti(50) at surface region (Plane Z,) and
interior region (Plane Zy3), respectively [14]. It seems that PLLA is successfully
introduced into the Ti matrix. It must be noted here that some pores are observed on
the Plane Z;, 5 as shown in Fig. 9.12b, while there is no pore on Plane Z; as shown in
Fig. 9.12a. The amount of pore changes from place to place, and such porosity
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Fig. 9.12 OM images at (a)
plane Z, and (b) plane Zy,3
in Ti-PLLA FGMs sample
fabricated from porous Ti
(50) (Reprinted from Ref.
[14], Copyright 2011, with
permission from Elsevier)
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distribution could cause gradients of mechanical properties in the fabricated Ti—
PLLA FGMs sample.

Wear tests for fabricated Ti-PLLA FGMs sample were performed using a ball-
on-disk-type machine, where the samples were slid along three different directions
under reciprocal movement against a stationary counter sphere of stainless steel.
The results are shown in Fig. 9.13, as well as that from porous Ti(50) [14]. It is seen
that osmotic PLLA into porous Ti enhances its wear resistance. Since PLLA is
much softer than Ti matrix, it is supposed that PLLA near worn surface was
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Ti-PLLAFGMs

preferentially scraped out from the Ti—-PLLA FGMs sample and subsequently
spreads out and covers on the Ti matrix during friction. It is considered that
preferential abrasion and coating of PLLA due to wear protects against wear of
Ti matrix and reduces adhesion of counter-face with Ti.

Young’s modulus and 0.2 % proof stress of porous Ti, Ti—-NaCl composite, and
Ti—PLLA FGMs sample with different parts are shown in Fig. 9.14a, b, respec-
tively. As shown in Fig. 9.14a, the porous Ti(50) has the lowest Young’s modulus,
since it has a porous structure. On the contrary, the highest Young’s modulus was
observed for the pore-free Ti-NaCl composite, which is within the range of the
modulus of the bone. Theoretical Young’s modulus of Ti—-PLLA FGMs calculated
by simple rule of mixture is also shown in this figure. It should be noted that the
Young’s modulus values of Ti—-PLLA FGMs samples from outer—outer and inner—
outer positions were in excellent agreement with the theoretical one. 0.2 % proof
stress of Ti—-PLLA FGMs also changes from place to place. In this way, the
mechanical property gradients are observed for Ti-PLLA FGMs, which may be
caused by the volume fractional gradient of pores, as shown in Fig. 9.12. Since
Young’s modulus and 0.2 % proof stress of the Ti-PLLA FGMs sample are close to
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the required ones, Ti-PLLA FGMs satisfy the required mechanical properties of
metallic implant material by means of PLLA dispersion in porous Ti. It can be
expected that optimum performance will be obtained just after implantation of the
composite into the bone, and then PLLA will gradually degrade and be absorbed
into the body. Although its mechanical properties will become lower as PLLA
degrades, osteogenesis will occur in the pore instead.

9.3 Continuous Graded Composition in Ti-ZrO, Bio-
FGMs Fabricated by Mixed-Powder Pouring Method

In session 9.1, it is described that the powder processing has many advantages to
fabricate the FGMs. However, the graded structure fabricated by the powder
processing becomes stepwise structure, and it is, unfortunately, difficult to produce
the FGMs with continuous gradients. By a centrifugal slurry method, this short-
coming can be overcome. For centrifugal slurry method, slurry with two types of
solid particles will be used, namely, high-velocity particle with larger density and/
or larger particle size and low-velocity particle with smaller density and/or smaller
particle size, as shown in Fig. 9.15a [8, 23]. Since the motion of solid particles in
viscous liquid under centrifugal force can be determined by the Stokes’ law, the
terminal velocity is reached at a very early stage of the centrifugal casting method
[24, 25]. Therefore, the velocity of particles within a liquid under centrifugal force,
dx/dt, can be expressed as

a b
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Fig. 9.15 Fabrication process to obtain green body with continuous gradient under a centrifugal
force. (a) Centrifugal slurry method [8] and (b) centrifugal slurry-pouring method [27]
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where p,,, p., D), G, g, and n are density of particle, density of liquid, particle
diameter, G number showing the level of centrifugal force, gravitational accelera-
tion, and apparent viscosity of liquid, respectively. The continuous gradient can be
obtained by the difference of migration rate between the two kinds of particles, i.e.,
high-velocity particle and low-velocity particle, predicted by Eq. 9.1. After com-
plete sedimentation occurs, the liquid part of the slurry will be removed, and a green
body with continuous gradient can be obtained. The green body is, then, subjected
to sintering, and finally an FGMs sample with continuous gradient can be
fabricated.

In order to verify and confirm the above idea, we shall focus on the Ti—ZrO,
FGMs. ZrO,; ceramics have several advantages over other ceramic materials, due to
the transformation-toughening mechanisms operating in their microstructure that
can give to components made out of them, very interesting mechanical properties
[26]. Partially stabilized ZrO, (PSZ) and tetragonal ZrO, polycrystal (TZP) are
common biomaterials used in orthopedic applications. Figure 9.16 shows migration
velocities of Ti and ZrO, particles under the centrifugal force [8, 23], where the
densities of Ti and ZrO, are 4.5 Mg/m® and 5.95 Mg/m®, respectively. When the
particle size is the same, the velocity of ZrO, particle is higher than that of Ti
particle, due to its larger density. On the other hand, if the slurry contains the
smaller ZrO, particles and larger Ti particles, the Ti particles can have high velocity
in a specific condition.

Compositional gradient of the FGMs sample fabricated by the centrifugal slurry
method is simulated for the Ti—ZrO, system with particle sizes of 63 ~90 pm for Ti
particle and 75 ~ 106 um for ZrO, particle. In this case, Ti particle becomes low-
velocity particle and ZrO, particle becomes high-velocity particle. Results are
shown in Fig. 9.17a [27]. In this figure, the horizontal axis is the normalized
position of the green body, and 0.0 and 1.0 correspond to the top and bottom
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surfaces of the settled green body, respectively. This result clearly indicates that
continuous gradient can be obtained by the centrifugal slurry method. However,
large compositional gradient (from 0 vol.% at one end to 100 vol.% at another end
of the FGMs sample for specific component) cannot be achieved, since the low-
velocity Ti particles placed at the bottom region before the sedimentation still may
remain around the same region after the complete sedimentation.

To solve the above shortcoming, a slurry-pouring method has been proposed to
fabricate the FGMs with large compositional gradient [8, 23]. The slurry with high-
velocity particle and low-velocity particle was poured into the spinning mold with
solvent zone, as shown in Fig. 9.15b. The existence of solvent zone increases the
sedimentation period. As a result, large compositional gradient, for example, from
0 vol.% at one end to 100 vol.% at another end, can be fabricated. The computer
simulation is conducted for the slurry-pouring method, and results are shown in
Fig. 9.17b; here the width of solvent zone is 100 mm [8, 23]. It must be noted here
that the FGMs sample has a continuous gradient, and the volume fraction of Ti at
the normalized position of 0.0 is 0 vol.%, while 100 vol.% at 1.0 position. Thus, a
large compositional gradient can be achieved by the slurry-pouring method.

An experimental study of the slurry-pouring method was conducted where
crushed ice is used as the particle suspension medium to control the particle
sediment from the initiation to the end [28]. The hollow tube was filled with the
crushed ice of 78.5x 107® m?, prepared using the ice crusher, as shown in
Fig. 9.18a [28]. A hollow tube with a length of 220 mm made of plastic was fitted
and sealed to another end of the graphite die. The height of the total suspension, i.e.,
the length of the hollow tube along with the graphite die is 250 mm. Homoge-
neously mixed powders of Ti and ZrO, with a volume ratio 1:1 were poured from



196 Y. Watanabe et al.

a b
Crushed Ice Homogeneous
Mixed-Powder
@ (Ti + ZrOy Particles) @
— —
Hollow Tube 2
/ # ==
- Hollow Tube
/ / @ containing
Sealant to avoid Crushed Ice

Water Leakage g

Graphite Die

Graphite Punch

Fig. 9.18 Experimental setup of the slurry-pouring method. (a) Pouring crushed ice into a hollow
tube and (b) pouring homogeneous Ti—ZrO, mixed powder into a hollow tube containing crushed
ice [28]

the top of the crushed ice, as shown in Fig. 9.18b [28]. The crushed ice was allowed
to melt gradually under isothermal conditions at 40 °C. Sedimentation of Ti and
ZrO, particles proceeded along longitudinal direction of the hollow tube at the
uniform temperature. The homogeneously mixed powders poured on the top of
crushed ice will move down to the bottom of the graphite die. Sedimentation of the
mixed powders depends on the densities and/or sizes of the particles. After settle-
ment, a green body with compositional gradient was obtained.

The concentrations of Ti and ZrO, at each region were analyzed by energy-
dispersive X-ray spectrometry (EDX), and the volume fraction distributions of Ti
and ZrO, in FGMs were obtained as shown in Fig. 9.19 [28]. The particle size
ranges of Ti particle and ZrO, particle are 63—90 pm and 75-106 pm for Fig. 9.19a,
45 pm pass and 38-75 pm for Fig. 9.19b, and 90-150 pm and 106—-150 pm for
Fig. 9.19c, respectively. The results of computer simulation are also shown in these
figures [28]. It can be seen from these figures that the volume fraction of Ti is close
to 100 vol.% between the normalized positions of 0 and 0.2 in all the samples. The
composition of Ti decreases and that of ZrO, increases continuously and gradually,
to become nearly homogeneous between normalized positions of 0.6 and 0.65. The
volume fraction of ZrO, reaches close to 100 vol.% between the normalized
positions 0.8 and 1, as shown in Fig. 9.19a, b. Therefore, it is found that the
proposed method is an effective fabrication technique for FGMs with large and
continuous compositional gradient. The hardness values in Ti-ZrO, FGMs samples
are also shown in these figures. The hardness inside the fabricated FGMs increases
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Fig. 9.19 Comparison of experimental volume fraction results with simulation results and effects
of hardness number in Ti—ZrO, FGMs fabricated from different particle sizes [28]

with the increase in normalized position 0-1, thereby confirming the increasing
ZrO, content across the normalized position. In this way, bio-FGMs with hardness
gradient can be obtained.

9.4 White Ceramic Coating on Ti-29Nb-13Ta—4.6Zr Alloy
for Dental Application

Although ceramic materials are becoming popular and starting to substitute for
metallic parts of dental devices, such as dental implant, crown, denture, bracket,
wire, and so on, metals are superior to in terms of ductility. Presently, a ceramic
fused metallic core crown is commonly used, not only by the biological and
mechanical requirements but also the esthetic requirement. However, exfoliation
between metallic core and ceramic surface is one of the most serious clinical
problems [29]. If one can obtain white-colored metallic materials, which own
high ductility, high strength, and excellent esthetic properties, this problem is
overcome. Not only Pt group or Au group alloys but also Ti alloys have been
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Fig. 9.20 Appearances of TNTZ sample surfaces. (a) Before oxidation treatment. (b) Oxidation
treated at 900 °C for 1.8 ks, (¢) at 900 °C for 3.6 ks, (d) at 1,000 °C for 1.8 ks, and (e) at 1,000 °C
for 3.6 ks [34]

used for dental materials because of their high corrosion resistance and excellent
mechanical properties. Since it is known that a white-colored TiO, layer is formed
by high-temperature oxidation of pure Ti, it is expected that a white oxide film can
be also formed by heat treatment on Ti alloys. Ti—29Nb—13Ta—4.6Zr (TNTZ) alloy
is a B-type Ti alloy with excellent mechanical properties as a biomedical load-
bearing material developed by Niinomi et al. [30, 31]. The ideal metallic white
materials could be realized when esthetically and mechanically excellent oxide
coating having durability against exfoliation of TNTZ can be made. As described in
session 9.1, compositional gradient can be formed by elimination of the sharp
interface by diffusion. White ceramic coating on TNTZ and Ti with graded
microstructure for dental applications is, thus, carried out by oxidation treatment
[32-34].

Hot-rolled TNTZ and pure Ti bars with a diameter of $10 mm were used as a
substrate material. After annealing at 800 °C, the bar was sliced with a thickness of
about 1 mm. The slices were polished with emery paper up to #1,500. The polished
samples were oxidized in air furnace at 800 °C, 900 °C, 1,000 °C, and 1,200 °C
from 0.6 ks to 10.8 ks. The samples were air-cooled after heat treatment. Macro-
scopic appearance of TNTZ sample before and after oxidation treatment is shown in
Fig. 9.20 [34]. It is obvious that matte and bright oxide film was formed on the
metallic TNTZ surface after oxidation. Brightness visually increased with increas-
ing holding time or oxidized temperature; however, the oxidation film peeled off
after long-time and/or high-temperature treatment. Although the figure is not
presented here, the oxidation film of the TNTZ substrate oxidized at 1,000 °C for
7.2 ks exfoliated from the substrate completely after oxidation. This is because of
the difference of thermal expansion between the oxide and metal substrate. To solve
this problem, slow cooling and oxidation at minimum temperature were examined.
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Fig. 9.21 SEM cross-sectional images around surface of oxidized (a) Ti and (b) TNTZ samples.
The oxidation treatment was carried out at 1,000 °C for 3.6 ks and furnace cooling for Ti sample
and 1,000 °C for 1.8 ks and air cooling for TNTZ sample (Reprinted from Ref. [33], with
permission from TMS)

From our results, oxidation at 1,000 °C for 3.6 ks for Ti and 1,000 °C for 1.8 ks was
the best heat treatment condition in terms of avoiding exfoliation during oxidation.

Cross-sectional microstructures of Ti and TNTZ after oxidation treatment were
investigated by SEM, and results are shown in Fig. 9.21a, b, respectively [33]. In
Fig. 9.21a, the oxide layer of Ti exhibited unique microstructure with a stratified
formation, which means an oxide particle layer and a gap stacked one by one. On
the other hand, dense oxide layer was formed on TNTZ substrate as shown in
Fig. 9.21b. Regarding substrate microstructure in Fig. 9.21b, grain growth during
oxidation was observed in substrate beneath the oxide layer; in addition, lamellar
structure was observed in the grain of TNTZ. This lamellar structure consisted of
the o+ B-phase. The a-phase was precipitated owing to O diffusion during oxida-
tion since O acts as an o-phase stabilizer. The a-phase close to the interface
contained about 20 mol% of O, whereas the matrix had less than 10 mol% of O.
Concurrently, Nb and Ta concentrations at the a-phase were lower than in the
matrix.

In order to obtain detailed information about oxide/substrate interface, depth
profile of chemical composition was studied by X-ray photoelectron spectroscopy
(XPS) for TNTZ sample oxidized at 1,000 °C for 1.8 ks. The obtained results are
shown in Fig. 9.22 [32]. In this figure, it seems both O and Ti contents were
homogeneous in the oxide layer, and O rapidly decreased at the lamellar structure
layer. After that, O gradually decreased in substrate. On the other hand, Ti content
was uniform in the substrate and decreased rapidly at the lamellar structure and then
Ti content became uniform at the oxide layer. Content ratio Ti/O was close to 1:2;
thus, TiO, was considered to be a major oxide. In addition, depth profile of other
elements, Nb, Ta, and Zr, seemed to have a similar tendency to that of Ti. These
elements are supposed to form oxide. According to XRD measurements, although
which is not shown here, not only TiO, but also Ti(Nb, Ta),0 and/or Ti(Nb, Ta)O,
were detected in the oxide layer.



200 Y. Watanabe et al.

80NNNNINNNNIINNNINNNNIINNNINNNN
Oxide Layer Lamellar| gypstrate
70 Structure 7]
Layer
60 - 0) =
ES
o 50} -
=
= 40 ‘ N
&
2 301 . |
o T
S 1
20 1
Nb
10 Ta WNN‘WNMM -
o EEE=Er T i e
0 0.5x10°  1.0x10° 1.5)(105 2.0)(105 2.5)(105 3.0)(105

Etching Time, s

Fig. 9.22 XPS depth profile of TNTZ oxidized at 1,000 °C for 1.8 ks [32]
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Figure 9.23 shows the relationship between thickness of the oxide layer and
holding time [33]. Thickness of the oxide layer was measured from a cross-
sectional image taken by SEM. It is seen that thickness of the oxide layer increased
with increasing holding time in both TNTZ and Ti samples. Moreover, the oxide
layer thickness of Ti at each oxidation time in this figure is bulk thickness; thus, true
oxide thickness should be thinner than the appearance.

The color of the oxidized surface was measured using a spectrophotometric
colorimeter. Color was expressed in terms of L*a*b* color system (CIE1976) [35].
In this color system, color space was expressed by the parameter of brightness L*
and chromaticity coordinates a* and b*. L* indicates brightness, and a* and b*
express redness (+)~ greenness (—) and blueness (+)~ yellowness (—), respec-
tively, as shown in Fig. 9.24.
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Fig. 9.24 L*a*b* color
space in a 3-dimensional
display showing CIELab
color system [35].
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Fig. 9.25 Relationships between holding time and (a) L*, (b) a*, and (¢) b* parameters
(Reprinted from Ref. [33], with permission from TMS)

The color of the samples oxidized at 1,000 °C was measured using the spectro-
photometric colorimeter. Figure 9.25 shows relationships between holding time and
L*a*b* parameters. Color range of the crown of Japanese’s natural tooth reported
elsewhere [36] was also shown in these figures. In Fig. 9.25a, L* (bright—dark) of
both Ti and TNTZ samples parabolically increased with increasing holding time at
the initial stage of oxidation treatment, and then plateau appeared. Plateau region
began from about 2 ks to 3.6 ks in Ti and TNTZ samples, respectively. It is
noteworthy that L* of both Ti and TNTZ samples was in the range of Japanese’s
tooth color. Regarding b* (blue—yellow) shown in Fig. 9.25¢, parabolic oxidation
time dependence was observed as well as L*. It is considered from these results that
L* and b* change depending on the thickness of the oxide layer. At short holding
time, observed b* was out of the range in either Ti or TNTZ sample, and then b*
also increased with increasing holding time. Thus, b* eventually reached within the
range of tooth color. On the other hand, in Fig. 9.25b, a* (green-red) of both
samples was below the range regardless of holding time, and time dependence on a*
seemed to be negligible in the Ti sample and to be small but negative in the TNTZ
sample. From these results, L* and b* increased with increasing holding time; thus,
these parameters can be controlled by oxidation condition while exfoliation should
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Fig. 9.26 Hardness distributions in oxidized TNTZ sample measured by nano-indentation hard-
ness tester

be taken into account. It is reported that maximum brightness as an opaque resin for
a facing metal crown is L*¥ = 80 [37]; therefore, brightness of the oxide film
obtained in this study is sufficient for opaque material for artificial tooth.

Nano-indentation hardness tests of TNTZ sample were carried out and results
are shown in Fig. 9.26. As can be seen, hardness of the oxide layer was higher than
the substrate close to the oxide layer. Moreover, hardness is changed from place to
place. This graded hardness in the oxide layer would come from microstructural
difference inside the layer. However, details of microstructure inside the oxide
layer are our future work. Formation of oxide layer with graded hardness may be
one reason of the high exfoliation resistance of oxide/TNTZ.

9.5 Al-Based FGMs Containing TiO, Nanoparticles with
Antibacterial Activity by a Centrifugal Mixed-Powder
Method

Medical devices are highly susceptible to bacterial contamination. Various methods
have been proposed to confer the biomaterials’ antibacterial activity [38]. An
anatase-type TiO, is well known as the most effective photocatalyst, and it shows
useful self-cleaning, deodorizing, and antibacterial functions, even under weak UV
light. For these applications, TiO, is prepared as nanosized crystals to bring out its
full abilities [39]. With the above in mind, Al-based FGMs containing antibacterial
TiO, particles have been developed. Since the photocatalytic and antibacterial TiO,
particle has a nanosized diameter, the motion of TiO, particles with different
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Fig. 9.27 Simulated particle distributions of TiO, in Al-TiO, FGMs fabricated by centrifugal
method [40]

particle sizes in a molten Al under a centrifugal force is numerically modeled based
on the Stokes’ law (Eq. 9.1). Figure 9.27 shows the effect of particle size on the
compositional gradient in the Al-TiO, FGMs fabricated by the centrifugal method
shown in Fig. 9.5 [40]. These distributions of TiO, particles shown in Fig. 9.27 are
obtained by calculation basing on Stokes’ law. The volume fraction of TiO, and
centrifugal force were fixed to be 10 vol.% and G =50, respectively. The abscissa
represents the position of normalized thickness of the ring, i.e., 0.0 is the inner
surface and 1.0 is the outer surface. As can be seen, TiO, particles with 100 um in
diameter are gradually distributed in Al-TiO, FGMs sample; however, TiO,
particles with 1 pm in diameter were almost homogeneously distributed in the
sample. Therefore, it is concluded that the compositional gradient of nanoparticles
in the FGMs fabricated by the centrifugal method is very small.

Alternatively, a centrifugal mixed-powder method is proposed as a novel
processing technique to fabricate nanoparticle distributed FGMs. The experimental
procedure of the centrifugal mixed-powder method is shown in Fig. 9.28 [40]. As a
first step, a powder mixture of nanoparticles and metal matrix particles is inserted
into a spinning mold, as shown in Fig. 9.28a. Then, molten metal matrix is poured
into the spinning mold with the powder mixture, as shown in Fig. 9.28b. As a result,
the molten metal matrix penetrates into the space between the particles due to the
pressure exerted by the centrifugal force, as shown in Fig. 9.28c. At the same time,
the metal matrix powder is melted by the heat from molten matrix poured from the
crucible, as show in Fig. 9.28d. Finally, an FGMs ring with nanoparticles distrib-
uted on its surface can be obtained, as show in Fig. 9.28e. Using this processing
method, Al-TiO, FGMs were fabricated.

Figure 9.29 shows the Ti concentration of Al-TiO, FGMs rings as a function of
normalized thickness [40]. As can be seen, Ti concentration in both Al-TiO, FGMs
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Fig. 9.29 Distributions of Ti concentration in Al-TiO, FGMs rings [40]

rings is almost constant from the normalized thickness of 0-0.95, and Ti is not
detected inside the AI-TiO, FGMs. However, on the surface of the FGMs rings, Ti
is detected. It is found that TiO, nanoparticles are distributed only on the outer
surface of Al-TiO, FGMs rings. It is also found that TiO, nanoparticle distribution
on the surface of the ring may be controlled by the volume fraction of TiO,
nanoparticle in powder mixture.
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9.6 Magnetic Graded Materials by Inhomogeneous Heat
Treatment of SUS304 Stainless Steel

Stainless steel is a major material to produce medical devices due to the superior
machinability and corrosion resistance in a biological environment. Development
of medical devices, such as stent, catheter, or coil anchor implanted in the human
body, has played a key role in the recent progress on medical treatments [41].

Meanwhile, it is well known that plastic deformation of type 304 stainless steel
(Fe—18mass%Cr—8mass%Ni) in the austenite (y) phase can induce formation of the
martensite («') phase [42]. Martensite and austenite phases are ferromagnetic and
paramagnetic at room temperature, respectively. Since the amount of deformation-
induced martensite increases with an increase in the local strain, the saturation
magnetization of the deformed austenitic stainless steel should also increase with
increasing strain. Using this phenomenon, a magnetically graded material can be
fabricated by inhomogeneous tensile deformation [43] or inhomogeneous rolling
deformation [44] of wedge-shaped 304 austenitic stainless steel specimens. This
FGMs fabrication method is termed the martensitic transformation technique.

It is also known that the o-phase can transform into the y-phase when the alloy is
heated. This reverse transformation is accompanied by a ferromagnetic to para-
magnetic transition. Along the temperature gradient from the starting temperature
of the reverse transformation to the finishing temperature, the magnitude of satu-
ration magnetization decreases. This phenomenon has also been used to produce a
magnetically graded material by inhomogeneous heat treatment of deformed 304
stainless steel [45].

The initial o -martensite phase in SUS304 stainless steel fiber was introduced by
cooling down to the liquid nitrogen temperature (—196 °C). After the cooling, the
fiber specimen was annealed within a temperature gradient to introduce the reverse
transformation in controlled manner. Figure 9.30 shows the saturation magnetiza-
tion of heat-treated SUS304 stainless steel fiber plotted as a function of the heating
temperature. It is clear that the saturation magnetization decreases with increasing
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heating temperature above around 500 °C. This is because the ferromagnetic
martensite phase transforms into the paramagnetic y-austenite phase by the heating
process. The saturation magnetization is almost zero in the specimen heated above
700 °C. Therefore, the starting temperature of the reverse transformation, A, and
the finishing temperature, Ay, are determined to be about 500 °C and 700 °C,
respectively.

Figure 9.31 shows the change of the local temperature of the furnace during the
thermal gradient heat. Corresponding distribution of the saturation magnetization in
the specimen is also shown in Fig. 9.31. As can be seen, the saturation magnetiza-
tion in the specimen is graded. In this way, a magnetic graded fiber can be
successfully fabricated by using the o to y reverse transformation in SUS304
stainless steel.

Magnetically graded SUS304 stainless steel can be used as a magnetic attach-
ment for a dental material. The fabricated material has both magnetic and mechan-
ical gradients. Moreover, it is known that the corrosion resistance of the austenitic
phase is better than that of the martensitic phase. Therefore, we can simultaneously
fabricate three different gradient properties in one sample.

9.7 Conclusions

In this chapter, the merit of the metallic biomaterials with graded composition and/
or microstructure and our recent results, namely, Ti/biodegradable-polymer func-
tionally graded materials (FGMs) for bone tissue fabricated by spark plasma
sintering (SPS) method, continuous graded composition in Ti—ZrO, bio-FGMs
fabricated by mixed-powder pouring method, white ceramic coating on Ti—
29Nb-13Ta—4.6Zr (TNTZ) alloy for dental application, Al-based FGMs containing
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TiO, nanoparticles with antibacterial activity by a centrifugal mixed-powder
method, and magnetic graded materials by inhomogeneous heat treatment of
SUS304 stainless steel, were described. The materials used for implants need to
satisfy the all-round properties of biocompatibility, strength, corrosion resistance,
and so on. The concept of FGMs is very useful to satisfy such requirements, and
they possess properties within one material, simultaneously.
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Chapter 10
Metallic Biomaterials in Orthopedic Surgery

Manabu Ito, Tomohiro Onodera, and Tadanao Funakoshi

Abstract Metals have the longest history in the field of orthopedic surgery among
numerous biomaterials. Metallic implants were used for the first time to fix spine
fractures more than 100 years ago. Since then, metallic orthopedic implants were
used routinely for fixation of bone fractures and deformity correction of the spine
and long bones. The advantages of metals are excellent mechanical stiffness and
fracture toughness to provide unstable fracture sites with sufficient stability to
achieve biological bony union. Clinically used metals are stainless steel, Co-Cr
(cobalt-chrome), and titanium alloys. The common indications of metallic implants
for orthopedic surgery are fixation of bony fractures at different parts of the body,
joint replacement, and deformity correction of long bones and the spinal column.
Metallic implants are often removed at postoperative 1 or 2 years, after complete
bony union is obtained, in order to prevent osteopenia or osteoporosis related to a
stress-shielding effect around the location of the metallic implant. Future modifi-
cation of the mechanical stiffness of metals may reduce the risk of stress-shielding
effect. Also, biocompatible or osteoconductive metallic implants would be of
significant clinical value with a longer survival of the artificial joint prosthesis.
Many new technologies of surface modifications for metallic joint prosthesis have
been invented to obtain direct bonding between the bone and metallic prosthesis for
longer survival of prostheses. As the elderly population shows a significant increase
around the globe, the demand for metallic orthopedic implants to maintain their
quality of life has been expanding in recent years.
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10.1 Introduction

The use of metallic implants to fix bone fractures started more than 100 years ago.
The first clinical report was in 1891 that silver wires were used for a young patient
with spinal fracture at the thoracic spine [1]. The first metal plate to fix bone
fracture was reported in 1895 [2]. Since then, stainless steel, cobalt-chrome
(Co-Cr), and titanium alloys have been developed and used for treatment of a
large variety of orthopedic disorders in humans [3-5]. Metal implants such as
screws and plates for fracture fixation showed a dramatic improvement by the
end of the Second World War. In recent years, metals have been used extensively
for all kinds of artificial joints and internal fixators of the spine to correct spinal
deformities, tumors, and degenerative disorders. The majority of current orthopedic
implants are made of metals [6].

At present, many developed countries are facing a rapid increase in the elderly
population. Along with this increase, the main clinical targets are switching from
fractures of the extremities to degenerative diseases such as joint arthritis and
osteoporosis. Orthopedic implants are increasingly contributing to allow elderly
people to ambulate with healthy conditions and to improve their quality of life.
Under these circumstances, there is increasing demand for artificial joints in the
upper and lower extremities and spinal instrumentation surgery for osteoporotic
spinal fractures and spinal deformities in the elderly.

10.2 Fracture Fixation

10.2.1 Mechanical Stiffness of Metal Implants for Bony
Fusion

Metal implants are frequently used for treatment of bony fractures to stabilize the
fracture sites to obtain biological bony union. The most common surgical technique
to fix fractured bone is to place a metal plate over the cortex bone at the fracture site
with several metallic cortical screws above and below the fracture site (Fig. 10.1).

For transverse or oblique types of fracture of long bones such as femur and
humerus, an intramedullary nail or rod is inserted into the medullary canal of the
fractured long bone to stabilize the fracture site (Fig. 10.2) [7-9].

For open fractures which are exposed to the air outside the body by severe soft
tissue injuries over the fractures, external fixators are best indicated not only to
stabilize the comminuted fracture but also to handle the risk of postoperative
infection (Fig. 10.3) [10].

Another indication of an external fixator is leg length discrepancy or severe
deformity of the extremities due to malunion after fractures and prolonged infection
[11]. Gradual lengthening by distraction is possible by using external fixators until
the final goal of lengthening is achieved.
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Fig. 10.1 (a) Preoperative radiograph of ankle fracture. (b) Postoperative radiograph of plate
fixation for ankle fracture

To obtain complete biological bony union, rigid stabilization at the site of the
fracture should be maintained for several months. The excellent mechanical stiff-
ness of metallic implants is beneficial to obtain biological solid union at the fracture
site by providing better stability. The bony healing process at the fracture sites starts
by the formation of soft immature woven bone between the gaps, which is followed
by the remodeling phase with formation of rigid mature bone in which collagen
fibers are perfectly aligned to provide mechanical strength to the fracture sites.
Physiological mechanical stress may lead immature soft bone to develop more rigid
cortical bone to sustain the load at the fracture site.

10.2.2 Stress-Shielding Effect

Since metallic implants have significantly higher mechanical properties than human
cortical bones, long-term fixation by rigid metallic implants over the fracture sites
would decrease mechanical stress and end up enhancing bone resorption at the bone
under the metallic implants [12, 13]. This effect is called device-related osteopenia
or osteoporosis by activating osteoclasts by stress-shielding effect. This stress-
shielding effect should be avoided to maintain the bone quality, so the removal of
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Fig. 10.2 (a) Preoperative radiograph of tibial shaft fracture. (b) Postoperative radiograph of
intramedullary nail for the tibia

metallic implants is recommended especially in the weight-bearing bones after
solid bony fusion is obtained at the fracture site after a certain period of time. In
clinical situations, removal of metallic implants such as screws and plates over
fracture sites in the upper or lower extremities is commonly performed later than
postoperative 1 year. Removal of metallic implants in the extremities is pretty
simple and does not require difficult surgical interventions. Many orthopedic
surgeons, therefore, recommend patients for removal of metallic implants overt
the fracture sites to enhance bone remodeling and solid biological fusion. Stress-
shielding effect occurs not only at the extremities but also at the spinal column.
Removal of metallic implants from the spine, however, often requires invasive
surgical procedures for back muscles so that many spine surgeons ask patients for
removal of spinal implants only when serious implant-related problems are seen.
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Fig. 10.3 External fixator
for fusion at the ankle joint

10.2.3 Biocompatibility

Though stainless steel had been the most commonly used in clinics for fracture
fixation, fracture fixation devices made of titanium alloys have become most
popular in recent years. Since titanium alloys have excellent biocompatibility,
new bone formation can be observed over the titanium fixation devices, which
makes removal of implants difficult in some patients when abundant new bone
formation occurs over the implants [14]. New bone formation over stainless steel is
much less than that of titanium alloys so that stainless steel devices are preferable in
some patients who need removal of metallic implants long after surgery. Absorb-
able screws and plates made of absorbable PLLA are now clinically available to
prevent stress-shielding effect in order to avoid implant removal after the initial
surgery [15, 16].
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10.2.4 Artifacts and Heat Production in MRI (Magnetic
Resonance Image) Scan

One of the demerits of using metallic implants for orthopedic surgery is a formation
of artifacts around the metallic implants on MR images, which disturb clinical
assessment at the surrounding tissues (Fig. 10.4) [17].

When metal implants are placed in the spine, device-related artifacts interfere
with the ability of clinicians to assess further neural disorders next to the implants.
Another concern is that metallic implants may impart heat to the surrounding
tissues while taking MR images (Fig. 10.5) [18].

Higher magnetic fields have a higher risk of producing significant heat affecting
the surrounding soft tissue, so radiologists should be aware of this effect in patients
with orthopedic metal implants.

Fig. 10.4 Metal artifact on
MR image in the thoracic
spine
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Fig. 10.5 A patient with
heat production around a
metallic implant during
MRI scan

10.3 Artificial Joints

10.3.1 Indications of Joint Replacement

Artificial joints are indicated for patients with severe destruction of any joints from
small finger joints to large weight-bearing joints due to trauma, osteoarthritis, or
tumors. The biggest role of artificial joints is to restore the damaged joint functions
to maintain the ambulatory functions of those who became unable to stand or walk
with severely damaged joints. Artificial joints are now available for hip (Fig. 10.6),
knee (Fig. 10.7) shoulder (Fig. 10.8), elbow, ankle (Fig. 10.9), wrist, and even
fingers (Fig. 10.10).

The major sales of artificial joints in the whole world were hip and knee joints,
and the value of the market in 2011 was worth $12.8 billion [19]. Due to a rapid and
steady increase in the aged population, the demand for artificial joints is increasing
to treat degenerative joint disorders in the elderly.

10.3.2 Total Hip Arthroplasty

The first total hip arthroplasty (THA) was invented and introduced in the 1960s by
Sir Charnley, and the Charnley system is still widely used in the present orthopedic
field [20, 21]. Artificial hip joints are formed by two components, corresponding to
the femoral side and acetabular side. The acetabular component consists of cup and
liner. The femoral component of the Charnley THA consists of a stem and head
made of stainless steel and Co-Cr-Mo or Ti alloys. The acetabular component is a
socket made of ultrahigh molecular weight polyethylene (UHMWPE) which is
fixed to the pelvis with bone cement (polymethylmethacrylate, PMMA). Due to
the friction between the cup (polymer) and femoral head (metal) under repetitive
motion of the hip joints, wear debris produced at the contact area of polymer and
metal would lead to osteolysis around the components and end up with loosening of
the artificial joints long after the initial surgery (Fig. 10.11) [22-29].

The survival rate of the Charnley THA at postoperative 25 years was 90 % with
the femoral component and 75 % of the acetabular component [29, 30]. Since many
patients who underwent THA would live longer than 25 years after the first surgery,
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Fig. 10.6 Postoperative
radiograph of total hip
replacement

there are increasing numbers of patients who need revision surgery due to the
loosening of the prostheses in recent years. Longer survival of prosthesis function
is a major clinical goal for the manufacturers of artificial joints.

10.3.3 Prosthetic Loosening

The predisposing factors of prosthesis loosening in THA are not only debris due to
the friction between the acetabular and femoral components but also the dysfunc-
tion of lubrication between the two components. The amount of debris formed at the
joint surface depends on the combination of the materials used for the acetabular
and femoral components. The worst combination of the two components is that of a
metal head and a polyethylene cup [23, 24]. Recently, combination of ceramics on
ceramics and metal on metal is under investigation to establish artificial joints with
less debris formation. Ceramics, however, do not have sufficient fracture toughness
and may easily break under physiological loading conditions. Metal on metal would
be acceptable from the mechanical point of view, but may produce metal debris in
the joints. Co-Cr-Mo is now used for acetabular components and has gained
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Fig. 10.7 Postoperative
radiograph of total knee
replacement

Fig. 10.8 Postoperative
radiograph of total shoulder
replacement
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Fig. 10.9 Postoperative
radiograph of total elbow
replacement

Fig. 10.10 Pre- and postoperative radiograph of total finger joint replacement

popularity in European countries due to its wear resistance. Another attempt to
improve the wear resistance of UHMWPE is gamma ray exposure followed by heat
treatment, which needs further investigation to prove its long-term clinical efficacy
and safety [31].
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Fig. 10.11 Loosening of
the acetabular component of
artificial hip joint

10.3.4 PMMA and Surface Modifications

PMMA cement has been extensively used for attachment between the host bone and
the femoral or acetabular components. PMMA cement has benefits to fix bone and
both components within a very short period of time, but PMMA creates heat over
60° which can damage the surrounding tissues, and toxic residual monomers of
PMMA are of significant clinical concern. PMMA injection to the intramedullary
channel in the long bones has a great potential risk of lung or brain embolism which
could cause serious life-threatening complications in the patients. In order to
prevent such catastrophic complications, surface modifications of the metal and
more osteoconductive materials have gained their popularity to achieve direct
bonding between the host bone and the components without PMMA cement.
Artificial joints without PMMA cement are called cementless systems, and those
requiring very small amount of PMMA are hybrid systems [32]. One of the surface
modifications to obtain better bone ingrowth into the surface of the component is
plasma spray coating on Ti to create an irregular surface on the component and fine
grooves for bony ingrowth to have a strong bone and metal attachment (Fig. 10.12)
[33, 34].

Another attempt is to cover the metal surface with osteoconductive materials
such as hydroxyapatite (HA) or apatite-wollastonite bioactive glass ceramic
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Fig. 10.12 Surface
modification of the femoral
component of artificial hip
joint

(AWGC) [35, 36]. These attempts can improve the biocompatibility of metal
implant to the bone, which will provide artificial joints with longer survival periods.
PMMA cement is difficult to remove completely during revision surgery so that
cementless or hybrid artificial joints are also beneficial to both surgeons and
patients.

10.3.5 Minimally Invasive Surgery (MIS)

By development of surgical equipment in recent years, minimally invasive surgery
(MIS) which does not require a conventional large skin incision and muscle release
has become widespread in the field of orthopedic surgery. MIS enables short
hospital stay and early return of patients to sport activities due to minimal damage
to the muscles [37]. There will be further development of MIS for all types of joint
arthroplasty in the future.
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10.4 Spinal Reconstruction

10.4.1 Spinal Instrumentation Surgery

The first application of metallic implant to the spinal column was reported by Hadra
in 1891 [1]. Ag wires were placed in the thoracic spine for treatment of spinal
fracture. The most important historical event in the spinal reconstruction surgery
was the invention of the Harrington instrumentation in 1962 [38]. Professor Paul
Harrington started to use his spinal implants consisting of hooks and rods made of
stainless steel for treatment of severe spinal deformity and fracture dislocations of
the spine (Fig. 10.13).

Since the introduction of his device, surgeries to correct and stabilize the spine
with metallic implants have shown a dramatic development, and surgeries using
metal implants to correct and stabilize the spine were named spinal instrumentation
surgery. The Harrington instrumentation surgery was modified by his followers by
adding sublaminar wires, tapes, and pedicle screws [39]. Titanium alloys are the
most popular material for recent spinal implants due to their biocompatibility and
fewer metal-related artifacts in MR (magnetic resonance) images [40]. Spinal

Fig. 10.13 Pre- and
postoperative radiograph of
Harrington instrument for
adolescent idiopathic
scoliosis
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implants made of stainless steel or Co-Cr are still used especially for correction of
rigid spinal deformities such as severe scoliosis and rigid kyphosis due to their
superior mechanical stiffness to obtain better correction and maintain the spinal
stability after surgery.

In the field of orthopedic surgery, spinal metallic implants are indispensable to
correct spinal deformity and to stabilize the damaged unstable spine (spinal insta-
bility) caused by trauma, degenerative changes, and tumors. The implants maintain
the stability at the site of instability until complete bony fusion is obtained. Spinal
implants may be accompanied by any type of bone grafts to achieve biological bony
fusion. In the early years of spinal instrumentation surgery, since spinal implants
were too simple in their structures to provide the spine with sufficient stability,
patients had to be bed bound for several months until complete bony fusion was
established. With the development of modern spinal implants with excellent
mechanical stability, patients are now able to ambulate immediately after surgery.
The recent development of metallic implants for the spine has contributed to
enhance the QOL (quality of life) of patients who suffer from destructive disorders
of the spine and require spinal instrumentation surgery to restore and restabilize the
spine. Unless biological bony fusion was obtained, fatigue failures of the metallic
implants would occur at the end so that solid biological bony fusion has to be
obtained at the site of metallic implants.

10.4.2 Pedicle Screw System

The most popular spinal implant is a pedicle screw system consisting of bilateral
screws at the bilateral pedicles, which are connected to screws above and below
with metal rods or plates (Fig. 10.14).

This system is the mechanically strongest among numerous spinal fixation
systems [41]. This system can be applied from the occiput to the sacrum to correct
sagittal, coronal, and rotational deformity of the spine [42—45]. Since there are large
personal variations in the three-dimensional alignment of the spine, surgeons often
bend rods or plates to fit the individual spinal alignment of the spine during surgery.
Titanium alloys are now most commonly used for spinal implants because of their
easiness to bend during surgery by surgeons’ hands. However, bending a metallic
rod or plate at multiple times may lead the material to plastic deformation which
makes them significantly weaker mechanically. Surgeons should be familiar with
the mechanical characteristics of each material used for surgery and refrain from
excessive manual bending of the rods or plates to maintain the original mechanical
property of each metal.
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Fig. 10.14 (a) Preoperative radiograph of adolescent idiopathic scoliosis. (b) Postoperative
radiograph of pedicle screw system for adolescent idiopathic scoliosis

10.4.3 Vertebral Spacers and Intervertebral Cages

Besides pedicle screws, rods, and plates, there are many other metallic implants
used for spinal reconstruction surgeries. Intervertebral cages or spacers are used
after resection of intervertebral disks in degenerative spinal disorders with spinal
instability (Fig. 10.15).

Vertebral spacers or cages are indicated after resection of vertebral bodies in
patients with severe burst fractures and spinal tumors. Autogenous, allogenic, or
synthetic bone grafts are packed into the cages or spacers to obtain solid biological
fusion to the adjacent vertebrae. The use of spinal cages or spacers was able to
reduce the need for taking structural bone grafts from the patient’s iliac bone or
fibula, which significantly reduced complications related to bone graft harvest.
Other materials used for cages or spacers besides metals are hydroxyapatite,
PEEK, carbon fibers, and absorbable materials such as PLLA [46—48].
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Fig. 10.15 (a) Preoperative radiograph of a patient with primary spinal tumor (giant cell tumor).
(b) Postoperative radiograph of spinal reconstruction with pedicle screws and a vertebral spacer
with bone grafts

Along with the increase of the aged population with osteoporosis and degener-
ative scoliosis with neurological complications, the clinical demand for metallic
implants in spinal reconstruction surgery is increasing. Carbon or PEEK cages are
becoming more popular in spinal reconstruction surgery due to their material
characteristics and because they do not create artifacts on MR images, which
often impede further clinical assessment.

10.4.4 Innovative Technology

Motion preservation technology including artificial intervertebral disks, artificial
facet joint, and flexible rods is one of the recent trends in spinal reconstruction
surgery, but the use of lumbar artificial disks are decreasing due to an increasing
number of loosening or displacement of lumbar artificial disks which require
revision surgery [49]. Revision surgery of lumbar artificial disks is difficult and
often associated with intra- and postoperative complications. Long-term clinical
studies of motion preservation technologies for treatment of various spinal disor-
ders are needed to verify the clinical benefits of motion preservation technology.
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Spinal deformity correction surgery for juvenile spinal deformity patients using
expandable metallic rods is now under way to seek the best material and treatment
for difficult spinal deformities in patients who are still growing [50].

10.5 Conclusions

Metallic implants have been used extensively in the field of orthopedic surgery for
more than a century. Fracture fixation, joint replacement, and spinal deformity
correction are the main clinical indications of using metallic implants. Due to the
excellent mechanical stiffness and fatigue toughness of metals, metallic implants
have made possible early ambulation and shorter hospital stay of patients. At the
present time, metallic implants are indispensable for treatment of all kinds of
orthopedic diseases and injuries.

In spite of their benefits of metallic implants, there are some clinical problems
related to them. One is a stress-shielding effect leading to osteopenia or osteopo-
rosis under the area of rigid metallic implants. Modification of the stiffness of
metallic implants to that of human cortical bone is needed to solve this problem.
Another improvement should be made in surface modifications over the metallic
surface or porous metals to achieve direct bonding between the metallic implant
and the host bone.
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Chapter 11
Stents: Functions, Characteristics,
and Materials

Koichi Tsuchiya and Akiko Yamamoto

Abstract In the last few decades, there has been a remarkable progress in the field
of minimally invasive surgery. Such progress has been supported by the invention
and development of novel medical devices, such as stents, guide wires, and filters.
Stents may be one of the most important devices used for various lesions including
coronary, carotid, biliary, etc. Materials used for these devices are divers, ranging
from metallic materials (e.g., stainless steels, cobalt-chromium alloys, nitinol,
magnesium alloys, etc.) to biodegradable polymers. This chapter introduces the
functions of stents and the currently used materials, and also gives some prospect
for future materials and device development.

Keywords Stainless steels « Cobalt-chromium alloy ¢ Platinum-chromium alloy ¢
Nitinol « Magnesium alloy

11.1 Introduction

Over the past few decades, minimally invasive surgery has rapidly gained its
popularity. Such progress has been supported by the invention and development
of novel devices, such as catheters, stents, guide wires, filters, etc. Of particular
importance is percutaneous transluminal coronary angioplasty (PTCA) or percuta-
neous coronary intervention (PCI). As compared to standard open up surgery, PCI
has several advantages: minimal physical burden, shorter hospitalized period, fewer
number of staffs required for an operation, and lower cost.

The pioneer of the PCI may be Werner Forssmann, who inserted a 65 cm ureteral
catheter into a vein of his own arm in 1929. He then walked to X-ray room to film
his body and prove that the catheter reached his right ventricle.
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The first PTCA was done by a German cardiologist Andreas Gruentzig. He
succeeded to expand the lumens of narrowed arteries by balloon angioplasty in
1977. By 1990, lumen stenosis of the coronary arteries was more commonly treated
by the angioplasty technique using a balloon catheter than by standard bypass
surgery. But it was also recognized that about 50 % of patients suffered from
recurrence of arterial clogging (restenosis) after removal of the balloon. After
listening to a talk by Gruentzig in a conference, Julio Palmaz came up with an
idea to put a scaffold into a vessel to hold it open and to prevent the restenosis. He
co-developed a “stent” with Richard Schatz, and the developed stent was approved
for a use in peripheral arteries in 1991 and for coronary in 1994 by the FDA.

After the Palmaz-Schatz stent, numerous types of stents were developed and
clinically used in treatment for various lesions. In this chapter, features and
characteristics of stents and material aspects of the stents are overviewed.

11.2 Structures and Functions of Stents

A stent is a mesh tube used to prevent the lumen from occlusion (blockage) or
stenosis (narrowing) by various disease-induced reasons. An example of a stent and
its delivery system is shown in Fig. 11.1. The delivery system is composed of a
handle, a catheter, and a sheath, in which a stent is encapsulated. Stents are usually
cut out from a metallic tube by precision laser cutting. The diameter of stents is
typically 2-5 mm and the length is in the range of 630 mm for coronary. For
biliary, the diameter is about 6-14 mm and the length 20—150 mm. The stent is
composed of struts (frames) and markers, if necessary. Markers are made of
radiopaque materials and welded on the both ends of stents.

The stents for the esophagus have a larger dimensions, 1620 mm diameter, and
are woven mesh tubes made of nitinol wires. Grafted stents, or covered stents, are
also used for the esophagus.

Stents can be classified into two types depending on how they are deployed:
balloon expandable and self-expandable. Balloon-expandable stents are most com-
monly used for coronary. Procedure of stenting is illustrated in Fig. 11.2. A doctor
inserts a catheter through an artery from the groin, leg, or arm. X-ray angiography is
used to know the location of the closure and the catheter. Contrast medium, a dye or
other substances, is injected into a vein through the catheter near the area of
blockage, so the blood flow through the arteries can be visualized on the monitors.
The visibility of the stent under X-ray angiography is an important factor for the
operation. After placing the stent, the vessel is checked with intravascular ultra-
sound (IVUS) or by optical coherence tomography (OCT). These devices can
image the cross section of the stented vessel and are useful to check the status of
the lesion area, e.g., cohesiveness of the stent to the vessel wall.

The design of stent strut varies largely depending on the producer as shown in
Fig. 11.3. The complex shape of the stent is designed considering many factors,
such as high hoop rigidity, ease of deployment, minimization of recoil,
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Fig. 11.1 Stent for the femoral artery (Terumo, “Misago™”, Reprinted from [1] under special
permission from Terumo Corporation)
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Fig. 11.2 Typical procedure for stenting. (a) Balloon catheter is inserted into the vessel to the site
of the blockage. (b) Balloon is inflated to open the closed vessel. (¢) Balloon is deflated and
balloon catheter is retracted. (d) Catheter with a stent and balloon is inserted. (e) Balloon is inflated
to open the stent. (f) Stent keeps the vessel open after the retraction of balloon and catheter

Stent type

Xience Endeavor

Platinum
Chromium

Stainless Steel

Fig. 11.3 Various designs of stent struts [2]
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minimization of axial length change on deployment, uniform application of stress
to the vessel wall, flexibility, conformability, and crossability. Stress concentration
at both ends of the stent often causes restenosis.

Most of metallic stents are cut from a metallic tube by precision laser cutting. To
minimize the internal stress introduced, annealing is applied to improve the fatigue
life. In the case of self-expandable stent made of nitinol, shape-setting treatment is
applied. Surface finishing of the stents is also very important. Various methods,
such as mechanical polishing, blasting, horning, etching, and electropolishing, are
used. Most of the stents have markers made of materials with high opacity for
X-ray, e.g., platinum, gold, and tantalum, to ensure the visibility of stent position by
X-ray angiography. These markers are welded to the struts near the ends of the
stents. The possibility of galvanic corrosion has to be taken into consideration.

11.3 Balloon-Expandable Stents

Balloon-expandable stents are manufactured in the diameter that fits in the catheter
sheath and expanded to the diameter of the blood vessel by inflating a balloon.
Thus, the stents are plastically deformed. Figure 11.4 shows how the hoop stress in
stents (lower part of the diagram) and in the vessel (upper part of the diagram)
changes on deployment. As it is expanded from the initial diameter (4 mm in the
figure), the stents experience the tensile hoop stress up to point b. As the stent
touches the vessel of 7 mm diameter at point a, the vessel now experiences the
tensile hoop stress which increases to point b. After deflating the balloon, the
compressive hoop stress is applied to stents, and the stents recoil to the diameter
of 8.25 mm, which corresponds to the diameter at which the stress on the blood
vessel and that on the stent balance (point c).

A variety of metallic materials have been used for balloon-expandable stents as
summarized in Table 11.1. Most widely used materials for balloon-expandable
stents are 316L stainless steel and Co-Cr alloy. SUS316L is the most commonly
used metallic material in the biomedical field. The formation of stable Cr,03
passive film leads to better corrosion resistance. The tensile properties can be
varied widely by processing conditions.

In the early 2000s, there are a number of reports on the relation between the
restenosis and strut thickness of a stent. Several clinical reports [4, 5] indicated that
a reduced strut thickness lowers the restenosis rates as shown in Fig. 11.5. These
reports drove the demands for stronger and more rigid materials. Co-Cr alloy has a
higher strength and better radiopacity than 316L. It also has good corrosion
resistance, has good fatigue resistance, and is nonmagnetic. The alloy has been
used for medical implants since 1937. The first stent using Co-20Cr-35Ni-10Mo
was developed by Medtronic as “Driver ™ in 2003. This alloy was originally
developed as a heat-resistant alloy known as Elgiloy’™. The strut thickness was
reduced to 80-90 pm compared to 130—140 pm of earlier SUS316L stents.
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Fig. 11.4 Hoop stress of stent and vessel (Reprinted from [3], Copyright 2002, with permission

from Elsevier)

Table 11.1 Metallic materials used for stents

Material SUS316L | Ta Co-Cr |Ti Pt-Cr steels | Nitinol
Young’s modulus (GPa) | 192 61 200 100-120 | 191-203 50%*
Yield stress (MPa) 175 200 550 310490 | 460480 ~200
Tensile stress (MPa) 480 500 720 380-640 | 824-834 ~1,000
Tensile elongation (%) | >40 >60 3 10-20 43.0-44.8 ~10
Radiopacity Normal Very good | Good | Poor Very good | Good

Strong demands for materials with a higher strength, rigidity, and radiopacity led
to a new alloy specifically designed for coronary stents. Boston Scientific devel-
oped Pt-Cr steel, Fe — (32.5-33.5 wt%)Pt — (17.5-18.5 wt%)Cr — (2.43-2.83 wt%)
Ni [6, 7]. To attain higher radiopacity, a part of Fe and Ni was substituted by Pt.
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Fig. 11.5 Restenosis rates in lesions treated with a stent with a strut thickness of < 0.10 mm (thin
group; open bars) and a stent with a strut thickness > 0.10 mm (thick group; solid bars), according
to the reference vessel diameter (<2.50, 2.51-2.75 and 2.76-2.99 mm) (Reprinted from [4],
Copyright 2002, with permission from Elsevier)

The amount of Pt was designed to give a good balance between strength, ductility,
and radiopacity. The alloy was used for OMEGA™ stents which have a strut
thickness of 81 pm and width of 91 pm.

11.4 Self-Expandable Stents

Self-expandable stents are manufactured to be the size of vessel diameter, or
slightly larger, and are crimped and constrained in a sheath on a tip of catheter.
When it is delivered to the intended site, the sheath is retracted and the stent deploys
by itself. Most often, this self-deployment is achieved by superelasticity of shape
memory alloy as shown in Fig. 11.6 [8]. Nitinol (TiNi alloy) is almost the only
material used for self-expandable stents, due to its superior superelastic properties,
good corrosion resistance, and biocompatibility. The basic aspect of nitinol and
superelasticity can be found in Chap. 10 or elsewhere [9]. Superelasticity is a kind
of pseudoelasticity induced by stress-induced martensitic transformation. As shown
in Fig. 11.6, the stress-strain curve is characterized by a stress plateau and large
hysteresis. A superelastic stent is in the parent phase when in an unconstrained
condition and in the martensite phase when constrained, i.e., inside the sheath. A
nitinol stent takes an advantage of the stress plateau and hysteresis. The stents can
apply relatively gentle force corresponding to a lower stress plateau to the vessel
wall for an extended range of strain. Meanwhile, when an external force is applied
to deform or buckle the deployed stent, it resists with the higher stress
corresponding to the upper plateau stress. This can be an advantage for the stent
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Fig. 11.6 The radial resistive force and chronic outward force as a function of the superelastic
hysteresis loop (Reprinted from [8], Copyright 2004, with permission from Elsevier)

which often experiences severe bending or flattering, and thus, the self-expanding
stents are most widely used in peripheral as well as biliary arteries. Biliary stents
require maneuverability through loops, curvatures, and angulated anatomies and
thus high flexibility. A self-expandable stent is also important for carotid and
neurovascular vessels since a balloon-expandable stent cannot be used because of
a high pressure required for the expansion, which may damage the thin wall of the
brain vessels.

11.5 Drug-Eluting Stents (DES)

For bare-metal coronary stents, a clinical report indicated about 20 % of cases
ended in restenosis and thrombosis that arise most typically ~30 days after stenting
[10]. To minimize this reaction, most of the current coronary stents are drug-eluting
stents (DES). The surface of a metallic stent is coated with non-degradable/
degradable polymers containing an immunosuppressant or anticancer drug. The
first-generation DESs were “Cypher” by Johnson & Johnson and “Taxus” by
Boston Scientific. Both used 316L stent as a platform. Most of the second-
generation DESs use Co-Cr (Abbott “Xience,” Medtronic “Resolute Integrity”) or
Pt-Cr (Boston Scientific “Promus”) stents as the platform. The use of thin strut
stents leads to early reendothelialization and is an advantage also for DES [10].
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11.6 Bioabsorbable Stents

11.6.1 Emergence of the Research and Development
Jor Bioabsorbable Stents

As described in the previous sections, metallic stents were incorporated into the
cardiovascular intervention to give a mechanical support for vessel wall dissec-
tions, elastic recoil, and constrictive remodeling of the target lesion after the
dilatation of a narrowed artery by a balloon catheter. However, there is still the
problem of an in-stent restenosis by neointimal hyperplasia, which is an overgrowth
of endothelial and/or smooth muscle cells. The causes of this overgrowth are
considered as a physical damage of dilatation, a foreign-body reaction against a
metallic stent, and a mechanical stimulation by the stent due to the difference in
mechanical properties between the stent and the artery. To solve this problem
pharmaceutically, a drug-eluting stent is introduced, which successfully reduced
the ratio of in-stent restenosis as between 4 and 15 % [11], but it also caused late
and very late stent thrombosis since the stent strut is not covered by the neointima
which possibly causes strut malapposition. Therefore, patients should keep taking
an antiplatelet drug for a long time such as over a year, which leads to a high risk of
hemorrhage and precludes any kind of operation to treat other symptoms. This lack
of endothelialization is not observed on the previous bare-metal stents and severely
influences the patient’s remaining time and quality of life.

As the next generation of cardiovascular intervention, the research and devel-
opment of bioabsorbable stents, or bioresorbable scaffolds, was started at the end of
the twentieth century; the first clinical study of a biodegradable polymer stent was
performed in Japan in 1998 [12]. After that, various attempts were made to satisfy
the requirement for a bioabsorbable stent, which can dilate the narrowed artery; can
support vascular dissections; can prevent elastic recoil, constructive remodeling,
and neointimal overgrowth; and, finally, can disappear after a certain period of
time, that is, when the physiological remodeling of the target lesion is achieved.
The disappearance of the stent will be beneficial not only to avoid the prolonged
inflammation at the implanted site causing neointimal hyperplasia but also to enable
easy access to the downstream of the artery for another catheter intervention.
Another benefit of bioabsorbable stents is the application to infants or children
with rapid growth changing the size of organs and blood vessels.

As materials for bioabsorbable stents, not only biodegradable polymers such as
poly-L-lactic acids and its copolymers but also metals such as magnesium alloys,
iron-based alloys, and pure zinc are now under investigation. Some of them are
under clinical studies (see Table 11.2), and no metallic stents but only two types of
polymeric stents are available in the market [13]. In the rest of this section, the
recent development of these metallic and polymeric stents will be briefly
introduced.



241

Aporeredas pajeod are sSnIp Jo sadAy om,,
IowA[od paALIap-aR[AoI[eS,
areuoqredAjod paALop-aursol)-Ajod,
Suneoo Surpnjouy,

pO1'0F 61°0 10 +€°0F 120 <9 00¢ +|  Jowkjod @°A0SHd

% L9 1L0OF o1 8 00¢ — | qewkjod o« VAT

% 9'¢C 8I'0F610 ST 9¢1 + VTld ' ga10sqV

% 0 LEOF V0 4 961 - VTld 0’1 ga10sqy

690F 160 vC OLT - VTId @EEaH-Eme

(syruow 9 18) % 1°6 0S0F1+9°0 SCl + evdM 1oSINVHIA

% SY (syuowr 4 18) 60 F 80°T 01 S - evdM I-gSINV

(9) Tedk | 18 QeI 1L (urw) syjuowt 9 18 TTT| (%) 95810A00 US| (wrl) ssauxory Jnns [ejo, | uonnd i [BLIdIBIN QWBN

Stents: Functions, Characteristics, and Materials

11

[£% “€1] SIU9S 9qeqIOSqROIq JO SHNSAI [BIIUID T T AYEL



242 K. Tsuchiya and A. Yamamoto
11.6.2 Magnesium Alloy

Magnesium and its alloys are one of the candidates for bioabsorbable metals since
magnesium is easily corroded by reacting with water in the body fluid. Furthermore,
magnesium is an essential element for the human being, and its concentration in an
adult human is the fourth highest among all metallic elements, following sodium,
potassium, and calcium. Therefore, the acceptable upper limit of released ion
concentration is expected to be high, suggesting low possibility of toxic reaction
due to the released Mg>* ions. Because of its high specific strength and Young’s
modulus, which is closer to that of human cortical bone, Mg alloys first applied to
the orthopedic field. In 2003, however, a first magnesium stent made with AE21
(Mg-2wt.%Al-1wt.%RE, RE: mixture of rare earth element) was implanted into a
porcine artery, and its endothelialization was confirmed at day 35 [14]. Further
investigation with swine or minipig models revealed less neointimal formation of
magnesium alloy stents made with WE43(Mg-4wt%Y-3wt%RE)-based alloy than
that of 316L stainless steel bare-metal stents [15, 16]. After 3 months of implanta-
tion into swine arteries, the disappearance of the WE43-based alloy stent was
confirmed (see Fig. 11.7) [17]. A preclinical study of AZ31(Mg-3wt.%Al-1wt.%
Zn) alloy stent was also performed with rabbit aorta model, reporting that the
non-polymer-coated, phosphorized AZ31 stent disappeared around 105 days[18].
Several clinical studies were already reported for the WE43-based alloy stent. At
the first clinical study performed in 2004, 23 stents were implanted into the
ischemic lower limb of 20 patients [19-21], reporting no acute toxic reaction due
to the magnesium stent implantation, and the stents degraded within 6 weeks [19—
21]. The safety of the WE43-based stent was also confirmed by the clinical cases
with preterm and newborn infants [22, 23]. Further investigation to the coronary
arteries was carried out for 63 patients with 71 stents and resulted in 45 % of target
lesion revascularization (TLR) at 12 months after operation, which is higher than
those of current bare-metal stents (28 %) or DES (6 %) [24]. The implanted WE43-
based stents were considered to be degraded within 4 months [24]. These studies
suggested the lack of the duration maintaining stent integrity; in other words, the
degradation rate of employed stents is too fast for this application. Supposing the
cross section of a stent strut as 150 x 150 pm? and the degradation period as 1 year,
the estimated corrosion rate is about 75 pm/year. This is not the easy value to
achieve by conventional magnesium alloys. These clinical studies also revealed
lower risk of late thrombosis which is an issue for recent drug-eluting stents.
Aiming to improve the duration of maintaining mechanical integrity at the
coronary artery and to reduce the ratio of the patients with revascularization, a
polymer-coating drug-eluting WE43-based stent is prepared and investigated with a
porcine coronary model. In this study, the degradation rate of the stent after 28 days
of implantation is 0.036-0.072 mg/cm”-d (=72-144 pm/year) and the stent
disappeared within 6 months [25]. The clinical study of this drug-eluting magne-
sium stent found that the late lumen loss (LLL) at 12 months postoperation
successfully reduced to 0.52 +£0.39 mm from 1.08 +0.49 mm of the non-coated



11  Stents: Functions, Characteristics, and Materials 243

28 - Day = Day 3- Month

Fig. 11.7 Histology of porcine coronary arteries implanted with WE43-based stents (AMS-1) for
28 days (A, B, C), 52 days (D, E, F), and 3 months (G, H, I) (Reprinted from Ref. [17], Copyright
2008 with permission from Elsevier)

magnesium stent [26, 27]. However, this value is not close to that of a biodegrad-
able polymer stent, Absorbl.1, that is, 0.27 +-0.32 mm at 12 months postoperation
[13]. Therefore, modification of WE43-based magnesium drug-eluting stent is
attempted on the following points: increasing the strut thickness to 150 pm,
attaching tantalum radiopaque markers at both ends, increasing the number of
strut crowns per stent length, changing the drug and the biodegradable polymer,
and increasing the coating thickness (see Fig. 11.8) [27]. This new version of
biodegradable WE43-based magnesium stent is now under clinical study as the
BIOSOLVE-II trial.

To satisfy the requirement in the degradation rate of magnesium alloy stents,
development of new magnesium alloys, microstructure controlling processes, and
coating/surface modification technologies are carried out by various research
groups, which are well described in other review articles [28—30]. Most of these
researches are still at a laboratory level, not at clinical nor preclinical level yet.

Since magnesium alloys generally take a hexagonal closed-packed system
having a few slip planes available at room temperature, plastic working of magne-
sium alloys requires heating around 573 K (=300 °C). The melting point of pure
magnesium is relatively low at 923 K (=650 °C), suggesting heating susceptibility
of the microstructure. A laser cutting process of a stent strut from a thin tube may
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Fig. 11.8 Schematic cross-sectional profiles of WE43-based stent struts of AMS-1 (a), drug-
eluting absorbable metal scaffold, DREAMS 1st generation (b), and DREAMS 2nd generation (c).
The poly(lactide-co-glycolide) coating with paclitaxel is shown as a thin orange layer in (b),
whereas the polylactide coating with sirolimus is shown in thin yellow layer in (c) [27]

locally influence alloy microstructure. Technological development of fabrication
processes is also important for the success of magnesium alloy stents.

11.6.3 Iron and Its alloy

Iron is another candidate for bioabsorbable metals since it is an essential element
for the human being, expecting relatively low toxicity, and it also has relatively low
corrosion resistance in the biological environment. Because of the relatively low
mechanical properties and too fast degradation of magnesium alloys, stent appli-
cation of pure iron and iron-based alloys attracted several groups of researchers, but
no clinical study is reported yet.

First preclinical investigation of pure iron stent was carried out by a rabbit aorta
model in 2001 [31], followed by a porcine artery model [32, 33]. At 18 months
postoperation in a rabbit model, the exact degradation rate of iron stent was too
difficult to assess even though brownish corrosion products were observed sur-
rounding the stent strut with macrophages as a sign of mild local inflammation
[31]. The colorization of the tissue surrounding stent struts was also observed in
porcine cases, starting at 14 days of implantation and longer (see Fig. 11.9) [32,
33]. The excretion of the corrosion products by the reticuloendothelial system was
observed after 1 month postoperation, showing small amounts of macrophages
containing corrosion products in the lymph nodes near the implantation site
[33]. After 3-month implantation, focal accumulation of the corrosion products
was observed in the spleen, as well as macrophages containing irons in the
lymphatic pathways along the aorta [33]. However, no sign of significant iron
overload was reported [31, 33], since the implanted amount of iron is small as
several tens of micrograms, which is much lower than the overload level for a
whole animal.

Stent integrity was maintained to the end of the follow-up period as it was hardly
degraded during 12-18 months [31, 33]. Complete endothelialization was
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Fig. 11.9 Histology of iron stent struts after implantation of 180 (a) and 360 (b) days into porcine
aorta (Reprinted from Ref. [33], Copyright 2006, with permission from Elsevier)

observed, resulting in no obvious thrombogenesis [31-33]. The angiographic
results revealed no significant difference between the 316L and Co-Cr alloy control
stents [31-33]. These studies suggests that the excretion of corrosion products
around the struts may cause a local, prolonged inflammation even though the
amount of corrosion products is very low to cause any overdose reaction at a
specific organ. It is also suggested that the degradation rate of pure iron stent is
too low for a coronary stent, which is ideal to disappear in 12-24 months after
implantation even though there is still a discussion about an optimal degradation
period and mechanical integrity duration among researchers [29].

To shorten the degradation period of the iron stent, vacuum plasma nitriding was
employed to prepare a stent with thinner (70 pm) strut [34]. Implantation into mini-
pig up to 28 days reported no significant difference in the endothelialization ratio,
vascular histomorphometry, and other histological observations [34] as similar to
the previous in vivo studies. However, no information about the degradation of the
iron stent was reported due to the short (28 days) follow-up period.

Other approaches to reduce the degradation period of iron stent are microstruc-
ture control such as equal channel angular pressure (ECAP) technique [35] or
electroforming [36] and alloying. Fe-Mn alloys are mainly investigated [37-39].

11.6.4 Zinc

To achieve an ideal degradation rate for a bioabsorbable coronary stent that is lower
than magnesium alloys but higher than pure iron, application of pure zinc is
attempted. Zinc is also an essential element for the human being, but the concen-
tration of zinc in the human blood plasma is 12-18 pM (=0.8-1.2 mg/L), which is
much smaller than that of magnesium (0.5-1 mM = 12-24 mg/L) [40]. The con-
centration of zinc in blood plasma of a patient with zinc overdose symptom is
reported as 31.5-640 pM (=2.1-42 mg/L), whose lower value is much smaller than
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that of magnesium as > 2.5 mM (>60.8 mg/L) as well [41]. These data indicate that
the acceptable range of the zinc concentration in blood plasma is not so wide,
suggesting that the implantation of zinc as a larger device is probably not
recommended. Since a coronary stent prepared from pure zinc probably has a
weight of only around 50 mg, an assumption of degrading by 12 months gives the
daily release about 0.14 mg/day, which is below the plasma concentration in the
overdose case.

An in vivo study implanting a pure zinc wire into a rat abdominal aorta reported
that the initial degradation rate at 1.5 months was less than 20 pm/year [42]. After
4 months of implantation, the cross-sectional area of the implanted wire reduced to
about 70 % of that of the initial condition, with no obvious sign of tissue necrosis or
repulsion [42]. However, the tensile strength of pure zinc is~ 120 MPa [42],
suggesting the necessity of alloying and microstructure modification to improve
the mechanical properties while maintaining its “favorable” degradation rate.

11.6.5 Biodegradable Polymers

To date, the most successful bioabsorbable stent is prepared with semi-crystalline
poly-L-lactic acid (PLLA) coated with poly(D,L-lactic acid) containing an
antiproliferative drug (everolimus) [13]. The stent design is in-phase hoops with
straight links to each other with platinum markers, maintaining radial support for
6 months and disappearing within 2 years [33]. Clinical studies of the latest version
of this stent reported LLL at 6 and 12 months postoperation as 0.19 £ 0.18 mm and
0.27 £0.32 mm, respectively [13]. Other clinical parameters such as TLR rate are
also comparable to those of the latest, most popular drug-eluting stents [13]. How-
ever, the lower mechanical properties of bioabsorbable polymer stents than those of
conventional metallic stents restrict their stent design, especially strut thickness,
and thus reduce their deliverability and applicable clinical conditions. Therefore,
clinical studies in a larger scale and wider application are in progress as the
ABSORB 1II and the ABSORB EXTEND, as well as worldwide evaluation pro-
grams in Asia, Africa, and Australia.

Another stent available in the market has a similar structure, a PLLA-based stent
containing two novel antiproliferative drugs (Novolimus and Myolimus), designed
to have out-of-phase hoops with straight links and to disappear within 2-3 years
[13]. Small-scale clinical studies also reported LLL at 6 months as 0.19 £ 0.19 mm
for Novolimus and 0.21 4 0.34 mm for Myolimus [13]. The endothelialization ratio
at 6 months is 98.7 ~98.8 % for both drugs [13].

Among several developments of a polymer-based bioabsorbable stent in pro-
gress, a few have unique strategies to conquer some drawbacks of PLLA-based
bioabsorbable stents. One of them employs poly-tyrosine-derived polycarbonate
polymer containing iodine to be radiopaque with a tubular “slide-and-lock™ design
[43]. Another uses poly(anhydride-ester) based on salicylic acid and adipic acid
anhydride, having a tubular design with laser-cut voids [13]. The features of these
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stent designs are relatively high coverage of artery as 55-65 %, whereas those of
conventional metallic stents and successful PLLA ones are about 10 % and 25 %,
respectively [33]. This high coverage enables to increase the mechanical integrity
and drug dose, as well as to reduce dissected area of artery and penetration of loose
plaque. However, small-scale clinical studies for these stents resulted in high TLR
rate at 12 months of about 67 % for the poly-tyrosine-based stent [43] or increased
neointimal formation for the poly-salicylate-based stent [13], forcing redesigning of
both stents.

11.7 Summary and Perspective

In this chapter, functions and characteristics of stents and materials used for the
stents were overviewed. The current status of research and development on biode-
gradable stents, the next generation of vascular intervention, was also reviewed. A
key issue for the success of metal-based bioabsorbable stents is to achieve a clinical
result comparable to the polymer-based stents with a similar level of mechanical
support to conventional metallic stents. The trend of miniaturization of the stents,
i.e., thinner struts, smaller area, and smaller diameter in a crimped state, will
continue in the future since it is beneficial for faster remodeling of vessel walls
and better maneuverability on delivery. This trend requires materials with even
higher strength, higher rigidity, and higher radiopacity. One possible method to
achieve higher strength may be microstructure refinement by severe plastic defor-
mation. There are extensive researches going on about this subject, and a number of
results were reported in the application to artificial joints or orthodontic wires, but
applications to vascular indwelling devices are scarcely seen [44]. Ultrafine grains
or nanograins may also be beneficial to improve the corrosion resistance. Micro-
structure control can influence cellular response to metal surface via protein
adsorption behavior [45, 46]. Rigidity or elastic modulus as well as radioopacity
is an “element-dependent” property, and it is difficult to control by microstructures.
One interesting exemption is nitinol, in which nanograins or even amorphous phase
can be easily obtained by plastic deformation. Increase in Young’s modulus was
reported in severely cold-drawn wires [47] or SMAT (surface mechanical attrition)-
treated samples [48]. But this is a special case; composite or hybrid materials
approach may be necessary to obtain high-modulus materials.
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Chapter 12
Dental Metallic Materials

Masaaki Nakai and Mitsuo Niinomi

Abstract In dental treatment, treatment for restoring teeth (crown restorations)
and for compensating for missing teeth (prosthetic treatments for missing teeth)
involves the appropriate selection of metallic, ceramic, polymer materials or a
combination of these materials as necessary for each individual patient. These
devices are often tailor-made by dental technicians. Metallic materials also play
an important role in dental implants and orthodontic treatments. In this chapter,
various types of treatment in clinical dentistry under the intraoral environment are
introduced, and then an outline of the types and characteristics of metallic materials
used in the dental devices required by the aforementioned treatments is provided.
Further, a recent progress of research about Ag-Pd-Cu-Au alloys that are the most
important dental metallic materials in Japan is reviewed.

Keywords Crown restoration » Prosthetic treatment « Dental implant » Orthodontic
treatment ¢ Precious metals ¢ Gold alloys ¢ Silver alloys

12.1 Introduction

Throughout human history, mankind has suffered from various disorders and
diseases and has made efforts to remediate such problems. Such efforts have also
been made in the field of dentistry, namely, the development and improvement of
dental treatment. Unlike bone and soft tissue diseases, dental disease is expected to
have less possibility of natural healing because of low metabolic function of the
teeth. Therefore, the recovery of function lost by dental caries and periodontal
disease has relied on artificial materials.

In dental treatment, partial damage to teeth or loss of entire teeth is common, and
the materials used to compensate for the missing parts play an important role in
such cases. Treatment for restoring teeth (crown restorations) and for compensating
for missing teeth (prosthetic treatments for missing teeth) involves the appropriate
selection of metallic, ceramic, polymer materials, or a combination of these
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materials as necessary for each individual patient. These devices are often tailor-
made by dental technicians. Metallic materials also play an important role in dental
implants and orthodontic treatments.

In this section, we will first discuss the intraoral environment and then different
types of treatment in clinical dentistry before providing an outline of the types and
characteristics of metallic materials used in the dental devices required by the
aforementioned treatments.

12.2 Intraoral Environment [1]

Intraoral saliva has a pH of 6.2—7.6 and is 99.5 % water. It is an electrolytic solution
that, other than mineral elements, contains organic components including protein and
amino acids. At first, saliva appears unlikely to be a prime environment for corrosion.
However, the pH drops and temperature fluctuations (273-333 K) are regularly caused
by food intake. The pieces of food left inside the mouth are absorbed into bacterial
cells such as plaque bacteria, and then the organic acids that are primarily lactic acid
are produced by mainly anaerobic glycolysis. When sulfoprotein is broken down by
the bacteria in protease, hydrogen sulfide that encourages silver alloy tarnishing is
produced (Fig. 12.1). Thus, some types of acid are released from the plaque and
neutralized; however, many permeate toward the enamel, leading to decreased pH.
Within plaque, which contains anaerobic bacteria, organic acid is produced, and an
environment deficient in dissolved oxygen is formed; thus, when plaque is adhered to

Fig. 12.1 Silver alloy tarnishing (Reprinted from Ref. [1], Copyright 2010, with permission from
the Japan Institute of Metals)
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Fig. 12.2 Fretting
corrosion (Reprinted from
Ref. [1], Copyright 2010,
with permission from the
Japan Institute of Metals)

the surface of metallic prosthetic devices, this results in the formation of dissolved acid
concentration cells and may cause local corrosion. In particular, because teeth have an
anatomically complex shape and are covered in sticky saliva, areas such as spaces
between teeth can easily become hotbeds for microorganisms, easily leading to
crevice corrosion.

Mastication applies periodic stress to dental devices and causes friction between
devices. As maximum biting force in the molar region is generally known to be
equivalent to the static load of one’s body weight, dental devices may be damaged
by stress corrosion and/or fretting corrosion (Fig. 12.2).

Therefore, when dental alloys are worn intraorally for long periods of time as
dental devices, multiple factors that deteriorate corrosion resistance accumulate in
addition to the formation of a corrosive intraoral environment. Thus, when consid-
ering the corrosion resistance of dental metallic materials to be used intraorally, it is
important to consider the corrosion resistance of dental devices as a whole rather
than the corrosion resistance properties of each individual material.

12.3 Treatment Methods [1]

12.3.1 Crown Restorations

When the shape or function of a tooth crown (part of the tooth exposed within the
oral cavity) is partially lost due to dental caries (tooth decay) or external trauma,
restoration with artificial materials is conducted.
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When the range of damage is restricted to a relatively small area such as the
molar occlusal surface (surface on which the back teeth clench) or the adjacent
surface to the anterior teeth, restoration is performed by filling the cavity (missing
portion left over after the lesion has been removed and the area has been appropri-
ately shaped) with plastic materials that are hardened after they have been shaped.
Although gold foil has been used as a filling material, the most common type of
metallic plastic filling material is dental amalgam. Restorations using dental amal-
gam involve filling the cavity with plastic wet amalgam that is a mixture of mercury
and amalgam alloy powder containing the main components of silver, tin, and
copper. After the amalgam hardens, the filling is polished. Because amalgam filling
restorations offer excellent treatment outcomes and operability, they have long
been widely clinically applied. However, there are concerns that amalgam is
harmful to the human body, and it also has the disadvantages of tarnishing and
tooth fractures. Thus, the development of composite resin (composite materials
containing ceramic particles as a filler in a high polymer matrix), which adheres to
the tooth and offers excellent esthetic properties, has meant that composite resin is
now becoming more widely used.

Crown restorations performed by luting dental cement onto a metal casting
manufactured outside of the oral cavity are called cast restorations. Inlays
(Fig. 12.3) refer to restorations that are shaped to the tooth and fitted to the inside
(surrounded by dentin) of the cavity, and crowns (Fig. 12.4) refer to restorations
used to cover the cusp when the cavity area is relatively large. Abutment construc-
tion to compensate for the area of missing tooth is also frequently used to make
crown restorations possible. When the missing area is relatively small, plastic

Fig. 12.3 Inlay (Reprinted from Ref. [1], Copyright 2010, with permission from the Japan
Institute of Metals)
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Fig. 12.4 Crown (Reprinted from Ref. [1], Copyright 2010, with permission from the Japan
Institute of Metals)

filling materials are used, but when the missing area extends to the root canal,
prefabricated posts or a metal core comprising a metal casting is used.

Cast restorations involve first removing the caries and then filing down (shaping)
and filling in (cavity base, construction) the remaining tooth to make it into a
suitable shape for the restoration. Next, dies (impressions) of the row of teeth that
will hold the restoration and opposing teeth are taken, and the occlusal relationship
is registered (interocclusal registration). The impressions and interocclusal regis-
tration results are then used to create a plaster cast, upon which a wax pattern is
fabricated. This wax pattern is embedded in heat-resistant investment materials and
fired to create a mold. Molten aluminum alloy is then cast in the mold. Dental
casting is a type of lost wax process that has been industrialized for precision
casting. Finally, the casting is adjusted on the die and in the patient’s mouth, before
being polished and luted with dental cement. When luting crown restorations onto
teeth, dental castings must be extremely precise, and cement layer thickness is
ordered per 10 pm. If the cement is too thick, the structure may start to collapse
from the exposed cement layer, and the entry of bacteria from food, drink, and
saliva may lead to secondary caries, which can cause the casting to fall out. Quartz
and silica (Si0,) cristobalite are used as base investing materials to achieve high
casting precision. The setting expansion and thermal expansion of the die materials
compensate for alloy casting shrinkage.

Rather than being completely made of metal, crowns are often partially made
from hard resin or porcelain the same color as the tooth crown (facing crowns) to
enhance esthetics. Strength of adhesive bonding is an important factor for both of
the above types of facing crowns, which have complex structures. For the former
type, hard resin facing crowns (Fig. 12.5), adhesive primers (pretreatment agents),
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Fig. 12.5 Hard resin facing
crown (Reprinted from Ref.
[1], Copyright 2010, with
permission from the Japan
Institute of Metals)

have been developed for each type of alloy. The latter, porcelain fused to
metal (PFM) crowns, is formed by fusing porcelain onto the alloy surface, as the
name suggests. Elements are added to the alloy so that it forms an oxide film
that increases the strength of porcelain fusion to metal while also increasing the
melting point. Firing temperature is lowered on the porcelain side as well so that
the alloy does not change shape and the thermal expansion coefficient of the
porcelain is set slightly higher than that of the alloy so that contraction due to
cooling after firing does not cause cracks on the interface. Recently, porcelain
inlays and crowns (all-ceramic crowns) that use no metal at all are also becoming
more commonly used.

12.3.2 Prosthodontic Treatments for Missing Teeth

When teeth are lost due to periodontal disease, caries, or external trauma, prostho-
dontic treatments using artificial materials to recover form and function are
performed.

When one or multiple teeth are missing, two or more teeth are joined as
abutment teeth (teeth used to support and maintain dentures), and a bridge
(Fig. 12.6) is constructed to recover the lost shape and function of missing teeth.
When the bridge is relatively small, a one-piece cast may be used. However, when
multiple teeth are missing, parts of the bridge may be cast separately before being
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Fig. 12.6 Bridge (Reprinted from Ref. [1], Copyright 2010, with permission from the Japan
Institute of Metals)

joined with a soldering alloy or welded with a laser. The area of the missing tooth is
covered with an artificial tooth called a pontic, which is shaped taking hygiene,
functionality, and esthetics into consideration, depending on its location. Hard resin
facing crowns and PFM crowns are used for anterior teeth because esthetic prop-
erties are important elements in this area. Furthermore, because the use of adhesive
resin increases the bonding strength of luting cement, bridges that require little
filing down of the remaining tooth are now a possibility.

Another treatment option is dentures, which morphologically compensate for the
missing tooth and accompanying retraction of surrounding tissue and aim for
functional and esthetic recovery. Types of dentures include removable dentures,
partial dentures (Fig. 12.7) for use with remaining teeth, and full dentures. Partial
denture design is diverse, taking into account the number and position of remaining
teeth and type of retainer. Metal base dentures contain metal in the frame of the
base, which constitutes the body of plate dentures, with the aim of increasing
strength and sense of fit. In general, metal base dentures are fabricated via precision
casting. Types of retainers used to prevent dentures from falling out include clasps
that comprise wires wrapping around the abutment teeth and attachments that
exhibit retentive force by joining parts attached to the abutment teeth to parts in
the denture. Wire clasps made by bending alloy wires or cast clasps fabricated by
casting may be used. Recently, magnetic attachments that utilize the suction force
of magnets for retentive force have been developed. Magnets used include samar-
ium-cobalt alloy and neodymium-iron-boron alloy. Ferrite magnetic stainless steel
(SUS444, SUSXM27, SUS47J1), which has excellent corrosion resistance, is used
for the keeper (side pulled by magnetic force within the dentures) and yoke (magnet
cover).
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Fig. 12.7 Partial denture (Reprinted from Ref. [1], Copyright 2010, with permission from the
Japan Institute of Metals)

12.3.3 Dental Implants

Dental implants are artificial objects embedded into intraoral tissue to compensate
for missing teeth. Implants are classified according to the site of insertion into
intramucosal, sub-membrane, endodontic, and endosseous implants. Currently,
endosseous implants (Fig. 12.8) inserted into the jawbone are the most common
and are widely applied clinically. Materials implanted in the root portion in alveolar
bone (fixtures) are mainly made of titanium, which has excellent biocompatibility.
Good clinical outcomes are achieved with fixtures, as they offer osseointegration
with no soft tissue separating them from bony tissue. Furthermore, some have a
shape that promotes invasion of bony tissue or are coated with bioceramics such as
hydroxyapatite, which offers osseoinduction and osseoconduction. In dental
implant treatments, a fixture implanted within the bone is used as the foundation,
and the abutment is placed. Then, the “superstructure” comprising a crown, bridge,
or prosthesis with base is fixated.

12.3.4 Orthodontic Treatments

Orthodontic treatments use mainly metal wire elasticity or superelasticity as ortho-
dontic force to move teeth into target positions. Orthodontic wires may be made of
materials such as stainless steel, cobalt-chromium (Co-Cr) alloy, titanium-nickel
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Fig. 12.8 Dental implant (Reprinted from Ref. [1], Copyright 2010, with permission from the
Japan Institute of Metals)

(Ti-Ni) alloy, or titanium-molybdenum alloy. Ti-Ni alloy wires that apply
superelasticity in particular are widely used clinically due to their persistent exer-
tion of orthodontic force appropriate for moving teeth. Arch fixtures suited to the
tooth dentition may be twisted into circular, square cross-sectional shapes or bundle
shapes and are fixated in brackets fitted to the labial buccal surfaces of teeth.
Various other types of devices are also used in orthodontic treatments to move
individual teeth and rows of teeth. These include, for example, expansion appli-
ances for widening narrowed maxillary dentition with screws and thick wires, arch
appliances composed of a main wire fixated to the dentition and springs and hooks
soldered to this, and orthodontic plates combining labial side guide wires, clasps,
and springs with a resin base. Retainers used to prevent recurrence after teeth have
been moved to the correct position also come in various shapes. In general, all types
of orthodontic devices use Co-Cr alloy or stainless steel wires that have been bent.

12.3.5 Other Treatments

As the extent of dental caries progresses and bacteria reach the dental pulp (soft
tissue containing nerves and blood vessels) inside the tooth, the infected pulp must
be removed, and the walls of the root canal that held the pulp must be mechanically
and chemically expanded and cleaned to make it possible to conserve the tooth. In
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this type of endodontic procedure, a stainless steel dental reamer and file are usually
used manually for mechanical root canal enlargement. In recent years, motorized
root canal preparation using a superelastic Ti-Ni alloy file required for good results
even in the case of bent root canals is being clinically applied and is garnering
attention.

Because jaw fracture and orthognathic surgery involve fixation of bone frag-
ments, the same osteosynthesis plates used for orthopedic surgery are employed.
The plates used in oral surgery, however, are often smaller “mini-plates.” Previ-
ously, stainless steel plates had been used, but titanium plates have now become
mainstream. The plate is bent to follow the bone surface and fixated to the bone
fragment with screws. For reconstructive maxillofacial surgery, dental implants and
different types of reconstructive plates are used.

12.4 Types and Features of Dental Metallic Materials

12.4.1 Dental Casting Alloys

Dental casting alloys are commonly used in dental treatments such as crown
restorations and prosthodontic treatments for missing teeth. These alloys must
have sufficient mechanical properties (strength, ductility, etc.) that suit the purpose
of their use, offer excellent corrosion resistance, cause no toxicity or irritation, and
have superior casting performance. Previously, there were separate standards for
each type of alloy, but in 2006, internationally unified standards, “ISO22674:
Dentistry—Metallic materials for fixed and removable restorations and appliances”
[2], were determined by the International Organization for Standardization (ISO).
These standards divide dental metallic materials into six types depending on their
mechanical properties and specify the uses for each type (Table 12.1).

12.4.1.1 Dental Casting Gold Alloys

Dental casting gold alloys must offer mechanical properties suitable for their use
and superior casting performance while still maintaining the excellent corrosion
resistance and chemical stability of gold. The additional elements mainly used to
create gold alloys are selected for their ability to improve mechanical properties and
lower the melting point. Table 12.2 shows typical elements and their effects [1].
Silver and copper are the main elements that constitute the elemental composition
of gold alloys. The hardness and strength are improved by making the copper into a
proportional solid solution with gold. When more than approximately 10mass% of
copper is added, it undergoes solid phase transformation to AuzCu or AuCu
superlattice below 680 K; thus, improved mechanical properties due to age hard-
ening can also be anticipated. Copper is also greatly involved in lowering melting
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Table 12.1 Mechanical properties and uses of dental restorations and metallic materials for
prostheses by type

Type

0.2 % proof
stress (MPa)
minimum

Elongation
(%)

minimum

Elastic
modulus
(GPa)
minimum

Uses

0 —

Fixed restorations with low stress load-
ing (e.g., small, one-sided veneer inlays
and veneer crowns, metal frames for
porcelain bonding made via
electroforming or sintering)

18

Fixed restorations with low stress load-
ing (e.g., one-sided inlays, veneer
Crowns)

180

10

Fixed restorations (e.g., inlays, crowns)

3 270

Fixed restorations and prostheses for
multiple teeth (e.g., bridges)

4 360

Devices with high stress loading (e.g.,
removable partial dentures, clasps, thin
crowns, long span bridges, bridges with
small section surfaces, burrs, attach-
ments, implant superstructures)

5 500

150

Devices that require high rigidity and
strength (e.g., thin removable partial
dentures, parts with thin section sur-
faces, clasps)

Table 12.2 The effects of additional elements in gold alloys

Additional | Effects

elements Advantages Disadvantages

Ag Reduces redness Decreases resistance to corrosion

Cu Lowers melting point, improves Decreases resistance to corrosion,
mechanical properties causes redness

Pt Improves strength and elasticity Raises melting point, segregation

Pd Same as Pt Raises melting point, decreases resis-

tance to corrosion
Zn Prevents oxidation Decreases resistance to corrosion
Ir Crystal grain refinement -

point, but when it is added in large amounts, it leads to reddening and decreased
corrosion resistance of the alloy. Silver becomes a proportional solid solution with
gold but can form an alloy without changing any mechanical properties. Decreasing
the amount of gold contained in the alloy and adding copper can prevent reddening.
Platinum and palladium are harder than gold and have a higher elastic modulus.
They increase the elastic modulus and strength of gold alloys. Therefore, they are
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Dental casting gold alloys High carat gold alloy(gold alloys by type)(gold-silver-copper alloys)

Type 1 ------ 22K gold alloy

Type 2 - 20K gold alloy

Type 3 ------ 18K gold alloy

Type 4 ------ Gold platinum alloy
14K gold alloy

I: Medium carat gold alloy
Low carat gold alloy

Fig. 12.9 Types of dental casting gold alloys

added to gold alloys used in large prosthodontic appliances. Like silver, platinum
and palladium prevent the reddening effects of adding copper, but, because they
markedly increase the melting point, they cannot be added in large amounts to
dental casting gold alloys. Although these elements exhibit the same effects on gold
alloys, platinum is used with palladium because platinum is prone to segregation.
Small amounts of zinc and iridium are also sometimes used as additional elements.
Zinc is added to precious alloys for casting as a deoxidizing agent. Iridium cannot
be melted easily as it has an extremely high melting point. When a small amount of
fine powder iridium is added to a gold alloy, the iridium becomes a crystalline
nucleus, promoting the refinement of crystal grains, inhibiting segregation, and
improving corrosion resistance and mechanical properties. Dental casting gold
alloys (gold-silver-copper alloys) contain at least 60 % gold, and gold + platinum
group metals (Pt, Pd) contain at least 75 %. They are classified according to the
amount of precious metals contained and their mechanical properties. Figure 12.9
shows the main types of dental casting gold alloys. The American Dental Associ-
ation Standards (ADAS) and Japanese Industrial Standards (JIS) classify gold
alloys into four types based on strength and elongation and define each gold alloy
according to type. Standards for dental alloys have also been compiled in
“ISO22674: Dentistry—Metallic materials for fixed and removable restorations
and appliances.” For each of these types, there are gold-silver-copper alloys and
gold-platinum alloys with the gold content shown in carats (K). For each compo-
sition or use, 22 to 18 K gold alloys are classified into gold alloy types 1, 2, or 3, and
gold-platinum alloys for casting are classified as a type 4 gold alloy. All of these
alloys are high-carat gold alloys for dental treatment. Some gold-platinum alloys
are used for purposes other than casting.

Within Japan, dental treatment is covered by health insurance. JIS T6113 [3]
defines dental casting 14 K gold alloys as being suitable for coverage by health
insurance. Under JIS, excluding types 1 to 4 and 14 K gold alloys, these are defined
as medium-carat dental casting gold alloys with a gold content of 55mass% or
greater and low-carat dental casting gold alloys containing a total amount of
precious metals (gold and platinum group metals as additional elements) of
35mass% or greater.

Gold alloys separated according to type include gold-silver-copper-platinum-
palladium-zinc-type alloys that contain gold, silver, and copper as the main com-
ponents. As you can see in Table 12.3, which shows the composition of each type of
gold alloy, the amount of copper increases from type 1 to type 4, whereas the
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Table 12.3 Composition of gold alloys by type

Composition range (mass%)
Gold alloy Au Ag Cu Pt Pd Zn
Type 1 80.2-95.8 2.4-12.0 1.6-6.2 0-1.0 0-3.6 0-1.2
Type 2 73.0-83.0 6.9-14.5 5.8-10.5 0-4.2 0-5.6 0-1.4
Type 3 71.0-79.8 5.2-134 7.1-12.6 0-7.5 0-6.5 0-2.0
Type 4 62.4-71.9 8.0-17.4 8.6-154 0.2-8.2 0-10.1 0-2.7

Table 12.4 Mechanical properties and uses of gold alloys by type

Gold Heat Proof stress | Elongation

alloy Properties | treatment | (MPa) (%) Main uses

Type 1 | Soft Softening | 80-180 >18 Inlays

Type 2 | Medium Softening | 180-240 >12 Crowns
hard

Type 3 | Hard Softening | 240 >12 Crowns, bridges

Type 4 | Super Softening | 300 >10 Bases, clasps, large prostho-
hard Softening | 450 >3 dontic devices

Below 1,323 K (1,050°C)

amount of gold decreases. Platinum and palladium are mainly added to types 3 and
4. Copper lowers the melting point and improves hardness and strength. Platinum
and palladium are mainly added to improve strength and elastic modulus. These
alloys exhibit mechanical properties appropriate for the intended use. The more
copper contained, the lower the melting point; however, the melting point rises
when more platinum and palladium are added. Thus, JIS T6116 [4] dictates that the
sum of these added elements cannot exceed 10mass% and the liquid phase points of
gold alloy types 1 through 4 are each below 1,323 K.

Table 12.4 shows the mechanical properties and main uses of the gold alloys by
type. Gold alloy types 1 through 4 are defined as soft, medium hard, hard, and super
hard in that order. In accordance with an increasing amount of added copper,
hardness and strength increase, but elongation decreases. There are no stipulations
regarding heat treatment for gold alloys other than type 4. However, types 3 and 4
can undergo hardening heat treatment (regular age hardening) using Au;Cu or
AuCu superlattice and be used in large prosthodontic appliances that require
strength.

The prosthodontic appliances in which each type of gold alloy is mainly used
include inlays, crowns, bridges, and clasps. Inlays (Fig. 12.3) require border sealing
rather than strength, so type 1 gold alloys, which are soft and have high elongation,
are used. For crowns (Fig. 12.4), which must withstand occlusal stress, types 2 and
3 are used. For bridges (Fig. 12.6), which are subject to occlusal pressure that bends
to become stress, type 3 is used. The metal bases (Fig. 12.7) of large prosthodontic
appliances and clasps, which require high elastic modulus, are subject to even
greater stress. Therefore, type 4 is used, and hardening heat treatment may be



264 M. Nakai and M. Niinomi

Dental casting silver alloys —I:Gold-silver-palladium alloys
Low melting point silver alloys
Silver-tin-zinc alloys

[

Silver-indium alloys

Fig. 12.10 Types of dental casting silver alloys

Table 12.5 The effects of additional elements in silver alloys

Additional Effects

elements Advantages Disadvantages

Au Improves resistance to corrosion Expensive

Cu Lowers melting point, improves Decreases resistance to corrosion,
mechanical properties causes redness

Pd Improves sulfur resistance (prevents Raises melting point
tarnishing)

Zn Prevents oxidation Decreases resistance to corrosion

applied depending on the circumstances. As each type of gold alloy forms a single-
phase solid solution containing at least 50 at.% precious metal (gold and platinum
group metals), its high corrosion resistance inhibits, the extent of dental caries
progresses and bacteria reach the dental pulp.

12.4.1.2 Dental Casting Silver Alloys

In Japan, gold-silver-palladium alloys (Ag-Pd-Cu-Au alloys) are commonly used
dental casting silver alloys, as they are eligible for health insurance coverage. The
mechanical properties of these alloys are equivalent to gold alloy types 3—4.
Because silver sulfurizes within the mouth and blackens, it is made into an alloy
with palladium or gold, which prevents sulfurization and improves corrosion
resistance. As the main component is silver, low-melting point silver alloys
containing elements such as tin, indium, and zinc are economical but have poor
mechanical properties and inferior corrosion resistance. Figure 12.10 shows the
main types of dental casting silver alloys.

Like gold, silver is extremely soft and very ductile. It is relatively stable even
against acid and alkaline, and its melting point presents no problems for dental
casting. However, it has high oxygen solubility during melting, easily absorbs gas,
offers poor strength, and tends to sulfurize and blacken. Thus, the added elements
shown in Table 12.5 are used to improve these characteristics. Copper contributes
to improving mechanical properties and lowering the melting point, whereas zinc
works as a deoxidizing agent. Palladium not only improves mechanical properties
but also improves corrosion resistance and sulfur resistance and prevents
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Table 12.6 Mechanical properties and main uses of gold-silver-palladium alloys

Heat Hardness Tensile strength Elongation
Type treatment (Hv) (MPa) (%) Main uses
Type 1 Softening 90-160 390-590 1040 Inlays, crowns
Type 2 Hardening 200-320 640-980 2-15 Bridges, clasps,
bases

blackening. However, it also markedly increases the melting point of silver alloys.
Gold contributes to improving corrosion resistance.

Gold-silver-palladium alloys contain silver, palladium, copper, and gold as the
main components. Adding copper to silver improves mechanical properties and
lowers the melting point, while palladium increases sulfur resistance and inhibits
tarnishing. A large amount of palladium must be added to achieve sufficient
corrosion and sulfur resistance. However, because palladium markedly raises the
melting point of silver alloys, gold—which does not raise melting point to the same
extent—is added to solve this issue. Like gold-platinum alloys, gold-silver-palla-
dium alloys may be for casting use or non-casting use. Standards for the amount of
precious metals (Au, Pd, Ag) contained in each have been stipulated by JIS. JIS
T6106 [5] specifies the composition of gold-silver-palladium alloys for casting use.
There must be at least 12mass% gold, 20mass% palladium, and 40mass% silver.
The restriction stipulating a small amount of palladium differs from the standards
for non-casting use (JIS T6105 [6]), which does not require melting. Gold-silver-
palladium alloys for casting may undergo hardening heat treatment and, as is shown
in Table 12.6, may exhibit the mechanical properties of type 3 and type 4 gold
alloys. From inlays to metal bases including clasps, these alloys can be used in
prosthodontic devices except those that involve porcelain bonding. Corrosion
resistance is excellent in silver alloys, but compared with dental casting gold alloys,
the quantity of released ions is somewhat greater, and brownish tarnishing may
occur.

JIS T6108 [7] stipulates that type 1 low-melting point silver alloys comprise
silver-tin-zinc alloys and type 2 comprise silver-indium alloys. Both contain at least
60mass% of silver and have a melting point of below 1,273 K. The main additional
elements of these alloys (zinc, tin, and indium) are non-precious metal elements
that contribute to the sulfur resistance of silver. However, sulfurization cannot be
prevented unless fairly large amounts of these elements are added. Zinc works as a
deoxidizing agent. The addition of large amounts of tin causes decreased elongation
and greatly reduces mechanical properties. Indium is effective for tarnishing resis-
tance and causes little loss of malleability. Table 12.7 shows the composition and
mechanical properties of silver-tin-zinc alloys and silver-indium alloys. Silver-tin-
zinc alloys, which contain less than Smass% indium and do not contain platinum
group metals, are used for inlays. Meanwhile, silver-indium alloys contain at least
Smass% indium and less than 10mass% of platinum group metals. They are used for
burrs, posts, and crowns.
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Table 12.7 Types and compositions of low melting point silver alloys

Composition (mass%) Tensile
strength Elongation
Silver alloy Ag |[Sn |Zn |In |Other Hardness | (MPa) (%)
Silver-tin-zinc 73 9 |16 |- |- HB 133 | 470 3
alloys JIStype 1) |65 (20 |15 |- |- HB 135 |314 -
Silver-indium 70 |- 6 |23 |Trace Hv 130 372 14
alloys (JIS type 2) amounts
of Pd, Pt
67 |- 5 |20 |Pd Hv 196 265 3

Below 1,273 K (1,000 t)

12.4.1.3 Other Dental Casting Alloys

Other dental casting alloys include non-precious alloys such as cobalt-chromium
alloys and titanium and titanium alloys.

Dental casting cobalt-chromium alloys (Co-Cr alloys) are composed of 40-70 %
cobalt, 20-30 % chromium, 0-20 % nickel, and 0—10 % molybdenum and have
mechanical properties equivalent to ISO22674 type 5. These alloys are indicated
when heavy loads are applied and strong rigidity is required such as for plate
denture metal frames and clasps.

Titanium and titanium alloys have a stable passive film and offer properties that
make them suitable metallic materials for use in living organisms. These properties
include excellent corrosion resistance and histocompatibility, low specific gravity,
and lightness. Previously, it had been difficult to apply these metals to dental
casting use due to their high melting point and high reactivity to the atmosphere
during melting and die material oxygen. However, research into dental casting
technology brought about the development of specialized casting machines and
investing materials, making it possible to use titanium and titanium alloys. Tita-
nium (CP Ti) has a wide range of mechanical properties from soft to fairly hard
(types 1 through 4), depending on the purity. It is used in denture bases, crowns, and
bridges. Titanium alloys (Ti-6Al-7Nb alloys), which offer excellent biological
safety in addition to high strength and good operability, have also come to be
used in clinical settings (Fig. 12.11).

12.4.2 Alloys for Porcelain Bonding

Porcelain bonding involves welding multiple layers of porcelain to a metal surface
to create coloration and texture similar to that of natural teeth (Fig. 12.12).
Figure 12.13 shows a section image of a PFM crown. In general, dentin porcelain,
which brings out the color of dentin, is applied onto a base of opaque porcelain that
is strongly welded to the metal frame. Layers of translucent enamel porcelain are
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Fig. 12.11 Metal frame of partial denture made from Ti-6Al-7Nb alloy (Reprinted from Ref. [1],
Copyright 2010, with permission from the Japan Institute of Metals)

Fig. 12.12 Porcelain fused
to metal crown appearance
(Reprinted from Ref. [1],
Copyright 2010, with
permission from the Japan
Institute of Metals)
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Fig. 12.13 Porcelain fused

to metal crown section

(Reprinted from Ref. [1],
Copyright 2010, with
permission from the Japan

Institute of Metals)

etal
frame
(crown)

Metal frame
(cast crown)

Precious alloys for porcelain Precious alloys for porcelain bonding

bonding Au- Pt- Pd type

[ Au- Pd- type
Au- Pd- Ag type

Palladium alloys for porcelain bonding

[ Pd- Ag type
Pd- Cu type

Fig. 12.14 Types of precious alloys for porcelain bonding

then fused onto this. Thus, alloys that are welded onto porcelain are called alloys for
porcelain bonding and may be composed of precious or non-precious metals.
Porcelain has a greater elastic modulus and a lower coefficient of thermal expansion
than metal. During heating and cooling during welding, a high coefficient of
thermal expansion than metal causes thermal stress to be applied to the interface
between the metal and porcelain. To prevent the porcelain from easily peeling away
from the metal or alloy, it is important to make its elastic modulus and coefficient of
thermal expansion close to that of porcelain.

In particular, when gold alloys for porcelain bonding commonly used in anterior
tooth restorations are used, the porcelain is fired on top of the casting, so very small
amounts of the non-precious metals of indium and tin are added. The addition of
copper and silver to alloys may cause discoloration to porcelain, so copper is not
added and only a very small amount of silver is added.

Precious alloys for porcelain bonding are divided into gold alloys and palladium
alloys. The former includes high-carat gold-platinum-palladium-type, mid- to low-
carat gold-palladium-type, and gold-palladium-silver-type alloys, while the latter
includes palladium-silver-type and palladium-copper-type alloys (Fig. 12.14).
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Table 12.8 Composition of precious alloys for porcelain bonding

Composition range (mass%) Elastic

Alloy Au Pt Pd Ag Cu Sn |In Other modulus (GPa)

Au-Pt-Pd 74-88 |0-20 |[0-16 |0-15 |- 0-3 |04 |Zn<2 90

type

Au-Pd type |45-68 |0-1 |22-45 |- - 0-5 |2-10 |Zn<4 |124

Au-Pd-Ag | 42-62 |- 25-40 |5-16 (420 |04 |06 |Zn<3 |110

type

Pd-Ag type | 0-6 0-1 |[50-75 |140 |- 0-9 |08 |Zn<4 |138
Ga<6

Pd-Cu type |0-2 0-1 |66-81 |- 4-20 |0-8 [0-8 |Zn<4 96
Ga:3-9

12.4.2.1 Gold Alloys for Porcelain Bonding

Table 12.8 shows the composition and elastic modulus of gold alloys for porcelain
bonding. In high-carat gold-platinum-palladium alloys containing 74-88mass% of
gold, the addition of platinum and palladium increases hardness and strength of the
alloy, while indium and tin are also added to bring the solid phase point from
1,323 K to 1,473 K and increase fusion strength with porcelain. In gold-palladium-
type and gold-palladium-silver-type alloys, which contain less gold, 22—-45mass%
of palladium is added, and the solid phase point is high at 1,473 K to 1,573 K. The
elastic modulus is also higher than that of gold-platinum-palladium alloys. The
thermal expansion coefficients (1415 x 107° K™') of these alloys are close to
those of dental porcelain (11.5-13.5 x 107® K™'). Compared with other dental
casting gold alloys, gold alloys for porcelain bonding contain the same amount or
more of gold and platinum group metals than high-carat gold alloys, giving them
high corrosion resistance. Silver and copper may cause green or yellow discolor-
ation of porcelain. Therefore, when using gold-palladium-silver alloys, which have
a lot of added silver, treatment to prevent discoloration is required.

12.4.2.2 Palladium Alloys for Porcelain Bonding

Palladium-silver and palladium-copper alloys contain at least 50mass% palladium,
with a main additional element of either silver or copper, respectively (Table 12.8).
As with gold alloys for porcelain bonding, indium, tin, and gallium are added to
increase fusion strength. Palladium-silver alloys have a high elastic modulus even
compared with precious metal alloys for porcelain bonding. Because both of these
palladium alloys contain large amounts of silver or copper, treatment to prevent
discoloration is necessary. Palladium alloys for porcelain bonding that contain large
amounts of copper, tin, or gallium also release large amounts of palladium ions and
are somewhat problematic with regard to corrosion resistance.
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Brazing metal ————  Gold solder

20K gold solder
18K gold solder
16K gold solder
14K gold solder

L—— Silver solder

Gold-silver-palladium alloy solder
Silver solder

Fig. 12.15 Types of dental brazing metals

Table 12.9 Compositions and melting points of brazing metals

Composition (mass%) Melting point (K)
Solid
Liquid phase
Type Au | Ag Pt |[Pd |Cu |Zn |Other |phase point |point
Pre-brazing for [90.0 | 5.0 |2.0 |- - - Sn 1,388 1,328
alloys forpor- 1790 [17.8 [1.0 |1.0 |- |-  |In,Sn, |1,343 1,288
celain bonding Cu
Gold 18K |750 | 55 |- |- 10.5 |7.0 |In 1,078 1,003
solder | 16K |66.7 |11.0 |- |- 11.0 |93 |In 1,043 973
14K |58.5 |145 |- |- 145 | 105 |In 1,038 968
Gold-silver- 20.0 |31.0 |- 15.0 {25.0 6.0 |In 1,093 1,043
palladium
alloy solder
Silver solder - 56.0 |- - 22.0 | 17.0 | Sn:5 938 -

12.4.3 Brazing Metals

Brazing metals must have a melting point of 373—473 K lower than the base metal,
form an alloy with the base metal, fuse strongly, have little potential difference with
the base metal to reduce galvanic corrosion, and be of a color that is similar to the
base metal. Therefore, brazing metals are composed from the same type of alloy as
the base metal (Fig. 12.15, Table 12.9).

12.4.3.1 Gold Solder

Gold solder is divided into that used for gold alloys for porcelain bonding and that
used for gold alloys in general. JIS T6117 [8] stipulates that both must contain at
least 58.33mass% gold and have a peeling strength of 350 MPa or greater. In
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general, gold solder with the same amount of carats as the base metal is used, with
20-14 K being commercially available.

12.4.3.2 Silver Solder

Silver solder is divided into gold-silver-palladium alloy solder and general silver
solder. JIS T6107 [9] stipulates that gold-silver-palladium alloy solder contain at
least 15mass% gold, at least 30mass% total gold and palladium together, and at
least 30mass% silver. JIS T6111 [10] stipulates that general silver solder contain
at least 35mass% silver and have a liquid phase point of below 1,073 K. However,
general silver solder may have various melting points, and low melting point
silver solder, etc., can be used for joining orthodontic wires. Silver solder is a
highly versatile solder metal that can not only be used with silver alloys but
also welded to non-precious alloys such as cobalt-chromium alloys and nickel-
chromium alloys.

12.5 Recent Progress of Research About Ag-Pd-Cu-Au
Alloys

12.5.1 Unique Hardening Behavior of Ag-20Pd-12Au-
14.5Cu Alloy

As mentioned above in 12.4.1.2, Ag-Pd-Cu-Au alloys are most important dental
metallic materials in Japan, and it is well known that these alloys exhibit age
hardening behavior [12—-15]. However, it has been reported that the mechanical
strength of an Ag-20Pd-12Au-14.5Cu (mass%) alloy is significantly enhanced
when the alloys are subjected to solution treatments at temperatures higher than
1,073 K and subsequent water quenching without being subjected to aging treat-
ment [16]. Figure 12.16 shows the change in the tensile properties and hardness of
Ag-20Pd-12Au-14.5Cu alloys by aging treatments and solution treatments [16].
The increase in mechanical strength of Ag-20Pd-12Au-14.5Cu alloy subjected to
solution treatment at high temperature is called to unique hardening behavior
because solution treatment generally induces to decrease mechanical strength.
This unique hardening behavior has been explained by two hardening mechanisms:
one is the solid solution hardening mechanism, in which alloying elements are
dissolved into the matrix (o phase) by solution treatment [16], and the other is the
precipitation hardening mechanism, in which L1y-type ordered (' phases are pre-
cipitated during the quenching process after solution treatment [17].

Firstly, the unique hardening behavior has been explained in terms of the solid
solution hardening mechanism because the peak intensity of  phase (Cu-Pd
intermetallic compound) decreases with solution treatment temperature in X-ray
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Fig.12.16 Tensile strength and hardness of Ag-20Pd-12Au-14.5Cu alloy subjected to (a) solution
treatment at 1,023 K for 3.6 ks, (b) aging treatment at 673 K for 1.8 ks after solution treatment at
1,023 K for 3.6 ks, and (c) solution treatment at 1,123 K for 3.6 ks

diffraction (XRD) profiles of the Ag-20Pd-14.5Cu-12Au alloy (Fig. 12.17) [16].
This implies that alloying elements of the [ phase are dissolved in the matrix (a
phase) by solution treatment as the solution treatment temperature increases.
Thereafter, the unique hardening behavior has been explained in terms of the
precipitation hardening mechanism. The precipitates of L1,-type ordered ' phases
during the subsequent quenching process after solution treatment were observed by
transmission electron microscopy (TEM) (Fig. 12.18) [12, 17], and the precipitated
B’ phase increases the hardness [17, 18].

12.5.2 Factors for Hardening of Ag-20Pd-12Au-14.5Cu
Alloy

The mechanism of this unique hardening behavior has been investigated recently
using a liquid rapid solidification method in order to obtain a single o phase because
commercial Ag-20Pd-12Au-14.5Cu alloy is possible to be composed of multiphase,
FCC-a, FCC-a; (Cu rich), FCC-a, (Ag rich), B2-type ordered B, and L1,-type
ordered B’ phases (Fig. 12.19) [19], and the coarse Cu-Pd intermetallic compound (
phase) of commercial Ag-20Pd-12Au-14.5Cu alloy is difficult to be dissolved into
the matrix by solution treatment. A schematic drawing of liquid rapid solidification
method is shown in Fig. 12.20 [20]. A high-frequency induction coil was used for
induction melting, and a commercial Ag-20Pd-12Au-14.5Cu alloy was melted
inside a quartz tube in vacuum. The melted alloy was forced into a Cu die through
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Fig. 12.17 X-ray diffraction profiles of Ag-20Pd-14.5Cu-12Au alloy subjected to various heat
treatments
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Fig. 12.18 (a) TEM bright-field image, (b) selected area diffraction pattern, and (c¢) key diagram
of Ag-20Pd-14.5Cu-12Au alloy subjected to solution treatment at 1,123 K for 3.6 ks subsequent
water quenching

a nozzle by argon gas and then solidified rapidly (hereafter referred as to LRS
specimen).

As shown in Fig. 12.21 [20], LRS specimen was subjected to solution treatment
at 1,173 K for 3.6 ks in vacuum in order to obtain a single o phase (1173WQyrs/
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Fig. 12.19 Crystal structures of the constitutional phases in Ag-20Pd-12Au-14.5Cu alloy
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Fig. 12.20 Schematic drawing of liquid rapid solidification method (LRS) (Reprinted from Ref.
[20], Copyright 2012, with permission from Elsevier)

3.6ks), and then it was subjected to solution treatment at 1,023 K for 1.8-28.8 ks
(1,023WQ_ rs/1.8-28.8 ks) in vacuum in order to decompose a single o phase into
ay and o, phases. Figure 12.22 shows the XRD profiles of 1173WQ; rs/3.6ks and
1,023WQy rs/1.8ks—28.8ks [20]. The single o phase is identified in 1173WQLRS/
3.6ks. The a, oy, and a, phases are identified, and the P phase is not identified in
1023WQy rs/1.8ks—28.8ks. Figure 12.23 shows the microstructures of 1173WQy rs/
3.6ks and 1023WQ; rs/1.8ks—28.8ks by backscattered electron (BSE) analysis [20].
The microstructure of 1173WQrs/3.6ks is composed of a single o phase
(Fig. 12.23a). The microstructure of 1023WQrs/1.8ks—28.8ks is decomposed
into two (black, white) areas corresponding to «; and o, phases from the part of a
single o phase (Fig. 12.23b—f). Further, the BSE image and the result of energy-
dispersive X-ray spectroscopy (EDX) show that the microstructure of 1023WQy rs/
28.8ks is composed of a Cu-rich o phase, an Ag-rich o, phase, and an a phase
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Fig. 12.21 Schematic drawing of solution treatment for Ag-20Pd-12Au-14.5Cu alloy fabricated
by LRS (Reprinted from Ref. [20], Copyright 2012, with permission from Elsevier)
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Fig. 12.22 XRD profiles of (a) 1173WQy rs/3.6ks, (b) 1023WQ; rs/1.8ks, (¢) 1023WQ; rs/3.6ks,
(d) 1023WQ_rs/7.2ks, (e) 1023WQrs/14.4ks, and (f) 1023WQrs/28.8ks (Reprinted from Ref.
[20], Copyright 2012, with permission from Elsevier)
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Fig. 12.23 BSE images of (a) 1173WQqrs/3.6ks, (b) 1023WQ_ rs/1.8ks, (¢) 1023WQ; rs/3.6ks,
(d) 1023WQgrs/7.2ks, () 1023WQqrs/14.4ks, and (f) 1023WQy rs/28.8ks (Reprinted from ref.
[20], Copyright 2012, with permission from Elsevier)

(Fig. 12.24) [20]. The single a phase decomposes into a Cu-rich a; phase and an
Ag-rich a, phase, but the p phase does not precipitate by solution treatment at
1,023 K. Figure 12.25 shows the change in Vickers hardness of 1173WQy rs/3.6ks
and 1023WQy rs/1.8ks—28.8ks [20]. The change in hardness among them is small
even though the a; and a, phases are decomposed from 1173WQ_ rs/3.6ks with a
single a phase by solution treatment at 1023 K. The effect of decomposition of the
o, and a, phases on the increases in hardness is small.

On the other hand, as shown in Fig. 12.26, 1173WQrs/3.6ks was subjected to
aging treatment at 673 K for 1.8-28.8 ks (673WQ_rs/1.8-28.8 ks) in vacuum to
precipitate a  phase from a single o phase. Figure 12.27 shows the XRD profiles of
1173WQ_rs/3.6ks and 673WQ rs/1.8ks—28.8ks [20]. The single o phase is iden-
tified in 1173WQy rs/3.6ks (Fig. 12.27a). The a, o, and o, phases are changed to o,
and f phases during aging treatment at 673 K (Fig. 12.27b—f). Figure 12.28 shows
the microstructures of 1173WQ rs/3.6ks and 673WQy rs/1.8ks—28.8ks obtained by
BSE analysis [20]. The microstructure of 1173WQqrs/3.6ks is a single o phase.
The weak contrast in the BSE images of 673WQ rs/1.8ks—14.4ks (Fig. 12.28b—e)
appears after aging treatment. This is considered to be the result of the difference in
chemical composition; the area where the  phase precipitates and the area where
the f phase does not precipitate exist after aging treatment. Figure 12.29 shows the
result of TEM observation of 673WQ rs/1.8ks [20]. The selected area diffraction
pattern indicates the existence of an o phase and a p phase. The dark-field image is
obtained using the (010) superlattice reflection from the B2-type ordered p phase.
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Fig. 12.24 BSE image and results of EDX analysis on specimen surface of 1023WQ; rs/28.8ks
(Reprinted from Ref. [20], Copyright 2012, with permission from Elsevier)
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Fig. 12.25 Vickers hardness of 1173WQqgrs/3.6ks, 1023WQ;rs/1.8ks, 1023WQ; rs/3.6ks,
1023WQ_rs/7.2ks, 1023WQy rs/14.4ks, and 1023WQ_gs/28.8ks (Reprinted from Ref. [20],
Copyright 2012, with permission from Elsevier)
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Fig. 12.26 Schematic drawing of aging treatment for Ag-20Pd-12Au-14.5Cu alloy fabricated by
LRS (Reprinted from Ref. [20], Copyright 2012, with permission from Elsevier)
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Fig. 12.28 BSE images of (a) 1173WQ_rs/3.6ks, (b) 673WQy rs/1.8ks, (¢) 673WQyrs/3.6ks, (d)
673WQLrs/7.2ks, (e) 673WQrrs/14.4ks, and (f) 673WQrs/28.8ks (Reprinted from Ref. [20],
Copyright 2012, with permission from Elsevier)
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Fig. 12.29 Results of TEM observation of 673WQ; rs/1.8ks: (a) bright-field image, (b) dark-field
image by using the (010) superlattice reflection, (c) selected area diffraction pattern, and (d) key
diagram. The beam direction is parallel to [001] (Reprinted from Ref. [20], Copyright 2012, with
permission from Elsevier)
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The TEM dark-field image shown in Fig. 12.29b indicates that the  phase with
diameter less than 100 nm precipitates in the matrix. Figure 12.30 shows Vickers
hardness in 1173WQ; rs/3.6ks and 673WQ rs/1.8ks—28.8ks [20]. The hardness of
673WQ_ rs/1.8ks with the precipitated p phase increases greatly compared with that
of 1173WQ_ rs/3.6ks with a single a phase. The hardness of 673WQy rs/7.2ks is the
highest, and then the hardness tends to decrease. These results imply that the effect
of precipitation of f phases on the increase in hardness is large.

Various heat treatments were carried out on the LRS specimen with a single a
phase, but the p’ phase could not be obtained after the heat treatments so that the
contribution of the p’ phase to the unique hardening behavior was not evaluated
directly. However, it was found that the solid solution strengthening due to the
decomposition of a phase to o; and a, phases is small. This fact implies that p’
phase is possible to contribute to the unique hardening behavior of the commercial
Ag-20Pd-12Au-14.5Cu alloy subjected to solution treatments.

12.6 Summary

This chapter laid out the types of treatment available in clinical dentistry and
outlined the types and characteristics of metallic materials used in the dental
devices necessary for these treatments. The metallic materials used in dental
devices must have mechanical properties that make them able to withstand occlu-
sion, have characteristics such as corrosion resistance that allow them to withstand
the severe corrosion that occurs in the intraoral environment, and be both castable
and workable—important characteristics for tailor-made fabrication. Recently,
esthetic properties have also come to be highly sought in addition to the properties
outlined above [11]. The development of new high-performance dental metallic
materials that meet these various demands is anticipated in the future.
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