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1 Introduction
Materials used for orthopaedic implants should possess excellent biocompatibility, superior
corrosion resistance in body environment, excellent combination of high strength and low
Young’s modulus, high fatigue resistance, high wear resistance, high ductility and be without
cytotoxicity [1, 2]. For decades, fully dense alloys of cobalt-chromium, titanium, tantalum
and stainless steel have been used to replace bone in prosthetic implants. These materials have
demonstrated excellent biocompatibility and corrosion resistance but their Young’s modulus
are substantially higher than that of the bone they replace, leading to stress shielding: a
reduction in stress in the remaining bone, which can lead to bone resorption and loosening of
the implant [3, 4].
The study of the mechanical behaviour of cancellous bone is important to design
appropriated orthopaedic implants. Patients with osteoporosis show an increment of fractures
on bones. These fractures are due in part to a reduction in the amount of cancellous bone
density. The understanding of the relationship between cancellous bone density and strength
helps in predicting when the risk of a fracture has become high and it may help to design an
implant that can substitute the damaged bone section. For example, most of the bone replaced
by an artificial hip is cancellous; an improved analysis of the structure-property relationships
for cancellous bone allows the design of orthopaedic implants with properties that more
closely match those of the bone they replace [3].
To solve this problem, in the last years the use of engineering cellular solids has been
increased. The cellular solids have a large volume fraction of interconnected pores to facilitate
cell migration and transport of nutrients and regulatory factors e.g. cell adhesion peptides,
growth factors, hormones [3, 5]. Additionally, cellular solids can be made from a large variety
of materials, such polymers, ceramics and metals which results in implants with diverse
structural and mechanical properties. Particularly, metal foams offer a number of advantages
over solid metals. A variety of processing routes allow control over the relative density, cell
size and the fraction of open and closed cells. Control over the relative density of the foam
allows matching of the foam and bone Young’s modulus [6].
Implant fixation enhanced by porous structures is still under intensive study, after more
than 30 years of development [7]. The main problem to overcome is the necessity to balance
different properties: average mechanical strength to resist the applied load, a relatively low
Young’s modulus to prevent stress shielding phenomena, controlled single pore dimensions to
stimulate both mineral and collagen osseointegration, an overall porosity to guarantee
1
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interconnection between different pores, corrosion resistance under stress conditions and good
biocompatibility [8].
Titanium and its alloys are excellent candidates to be used as implants. They have
outstanding biocompatibilities, high corrosion resistance, high strength and low Young’s
modulus. Especially, commercially pure titanium (CP-Ti) and Ti-6Al-4V have been widely
used for manufacturing of implants. However, CP-Ti has low strength which makes it
unsuitable for orthopaedic implants. Ti-6Al-4V alloy possesses superior mechanical
properties than the CP-Ti which makes it the most commonly used alloy for orthopaedic
implants. Unfortunately, the vanadium ions released from the Ti-6Al-4V became suspected to
be in long-term toxic to the human body [9-11]. That can be solved by substituting Ti-6Al-4V
by the Ti-6Al-7Nb alloy which is also an α+β alloy and has similar mechanical properties
than the Ti-6Al-4V. Contrary to vanadium, the element niobium is considered as a vital class
element [10, 12].
Porous titanium implants can be manufactured by various techniques such as controlled
powder sintering [13], solid-state foaming by superplastic expansion of argon-filled pores
[14], as well as by selective electron beam melting and precision casting methods [15, 16].
There is a tendency to use precision-cast methods to fabricated open-cell structures based on
Ti-alloys, since the metallurgical quality of casting was continuously improved during the last
years. However, the use of cast titanium in biomedical applications has been restrained by
inherent casting problems. Molten titanium is extremely reactive with elements such a
nitrogen and oxygen as well as with the casting investment elements [17-19]. The high
affinity of titanium to oxygen in combination with a high solubility results in the quick
formation of titanium oxides and an oxygen-enriched surface layer in the base metal.
Additionally, reactions with the mold material may cause the formation of embrittling phases,
e.g., Ti3Al. The brittle surface layer on titanium alloys has been termed α-case layer. Since αcase deteriorates strongly the mechanical properties of the material by promoting crack
formation under static or cyclic loading conditions [9, 17, 19], attention has to be paid to
avoid α-case formation by vacuum metallurgy or to remove the embrittling layer either
mechanically or chemically, e.g., by acid pickling (cf. [18]).
The investigations reported in this dissertation are part of an interdisciplinary work
between the Gießerei-Institut der RWTH Aachen, the Bundesanstalt für Materialforschung
und -prüfung (BAM) Berlin, the Labor für Metallkunde und Werkstoffanalytik of Hochschule
Osnabrück, the Labor für Experimentelle Unfallchirurgie of the Justus-Liebig-Universität
Gießen and the Institut für Werkstofftechnik of the Universtät Siegen. Particularly, the work
2
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carried out in the Universität Siegen was financial supported by the Deutsche
Forschungsgemeinschaft (DFG) under the grant No. Ch92/38. The aim of this work is the
characterization of precision-cast porous Ti-6Al-7Nb implants coated with a CaTiO3 reaction
layer. In order to analyse the biocompatibility properties of the cast Ti-6Al-7Nb implants and
the influence of the reaction layer in the osseointegration process, in-vitro and in-vivo
biomechanical analyses were carried out using rats and sheep in the framework of the joint
project. These animals were chosen due to their metabolism, cancellous bone structure, cost
and availability, transferability of information as well as ethical and social implications.
To evaluate the biological fixation and to analyse the biomechanical behaviour of the
porous implants, they were inserted in “defects” created in the cancellous bone area of the
distal femoral metaphyses of rats and sheep. After a recovering time of 30 days in rats and 6
months in sheep, the implants were extracted from the bone by using a push-out test. This test
allows an accurate and reliable evaluation of the uni-axial strength of the bone that grows
around and inside the implants. Additionally, the deformation behaviour rate during the pushout test can be controlled permitting an optimal evaluation of the biomechanical
characteristics of osseointegrated implants.
This dissertation is subdivided in seven chapters: introduction, theoretical background,
materials and methods, results, discussion, summary and appendices. The section 2.1
describes the cancellous bone which is a natural cellular solid with extraordinary structural
and mechanical properties, and it was the inspiration of the porous implants used in this work.
The structure, mechanical properties, and degenerative deceases of cancellous bone are
explained to understand the optimal properties that an implant should possess in order to
substitute a damaged cancellous bone section. The requisites that a biomaterial should fulfil
before to be used in the body are analysed in section 2.2 focusing on orthopaedic implants.
Titanium and its alloys are described in section 2.3 as outstanding materials for orthopaedic
applications. Therefore, their properties and manufacturing processes with focus in the casting
process to fabricated cellular structures are explained. In section 2.4 the properties of
engineering open-cell structures used in medical applications are introduced.
Chapter 3 describes the bones and metallic samples used in this work and their preparation
for the experiments that include microstructural analysis, mechanical testing and the in-vitro
biomechanical analysis after the euthanasia of the rats and sheep. The results obtained during
the experiments are reported in chapter 4 which is subdivided in 4 sections: Section 4.1
describes the compression behaviour of the bovine and ovine cancellous bones and the
compression behaviour of 45ppi open-cell AlSi7Mg foam samples. Bovine and ovine bones
3
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were used to understand the behaviour of cancellous bone of big animals under compressive
loading conditions. The open-cell AlSi7Mg foam has similar structure and morphology to
those of the ovine and bovine bones. The results obtained with the cancellous bone and foam
samples are important to understand and compare the mechanical response of these materials
with those of the Ti-6Al-7Nb porous implants. Section 4.2 deals with the results obtained by
microstructural and mechanical characterization of the cast Ti-6Al-7Nb porous implants. The
chemical and mechanical properties of the titanate reaction layer are depicted in section 4.3.
The post-operative biomechanical results obtained with the rat and ovine implants are
described in section 4.4.
In chapter 5 results are thoroughly discussed against the background of the information
available in the literature. Finally the main highlights are summarized in chapter 6. Clinical
information of the animals before and after the implantation and euthanasia as well as the
complete lists of push-out test data are listed in the appendices.
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2 Theoretical background
2. 1 Cancellous bones
2.1.1 Bone tissue
Bones fulfil mechanical, biological and chemical functions in the body of a vertebrate. Bones
are responsible for the movement and support of the body as well as the protection of various
organs. Inside bones, red and white blood cells are produced and they store important mineral
for the body. Bones come in a variety of shapes and have a complex internal and external
structure [20, 21]. Macroscopically they can be subdivided as hollow or long bones (femur,
tibia, fibula, etc.), flat bones (ilium, sacrum, scapula, etc.), irregular bones (vertebrae, sacrum,
maxilla, etc.), short bones, and sesamoid bones [22]. The mechanical properties of the bone
material depend on the properties of its components phases, and the structural relationship
between them at the various levels of hierarchical structural organization [23-25]. Figure 2.1
shows the different levels and structures. The level 1 corresponds to the macrostructure. In
this level bones are subdivided in cancellous or trabecular (spongy bone) and cortical bone
(compact bone). The level 2 is the microstructural level. In this level the bones are building of
harvesian system, osteons and single trabeculae. This level is followed by the submicrostructural level (level 3). Lamellae, wovens are the principal constituents of the bones at
the level 3. The level 4 correspond to the nanostructure. Bones at this level are made of
fibrillar collagen and embedded material. Finally, the sub-nanostructural level of the bones
corresponds to the molecular structure of constituent elements, such as mineral, collagen, and
non-collagenous organic proteins [24, 26, 27].

Figure 2.1: Schematic representation of the bone structure [28]
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Different mechanical properties are reported for these structural levels. For instance, the
Young’s modulus of large tensile cortical specimens has been found to be in the range of 1420 GPa [29]. On the other hand, the Young’s modulus of micro-bending cortical specimens
was about 5.4 GPa [30]. It has also been found that the modulus of the osteon lamellar bone
measured by nanoindentation was approximately 22 GPa [31].
Apart from the differing structural architecture, the tissue composition is almost similar in
the cortical and cancellous bone. It consists of approximately 65% of a mineral and 35% of an
organic phase. The mineral component is built of hydroxyapatite [HA; Ca10(PO4)6(OH)2],
carbonate, citrate, magnesium and fluoride. Collagen type 1 organised in helix-like fibres
forms about 90% of the organic matrix proteins. The other components are non-collageneous
proteins and water [32].
The cortical and cancellous bone are distinguished by their degree of porosity or density
[33, 34]. The true differentiation comes from the histological evaluation of the microstructure
of the tissue. In general, the cancellous bone material is much more active metabolically and
it remodels more often than cortical bone. Therefore, even though cancellous and cortical
bone may be composed of the same kind of material, the maturation of the cortical bone
material may alter the mechanical properties at the microstructure level [24].
The mechanical properties of cortical bone are influenced by the porosity, the
mineralisation level and the organization of the solid matrix [35, 36]. The values of the
mechanical properties at the macrostructural level vary from one bone to another as well as
within different regions of the same bone. It has been found that the mechanical properties of
human cortical bone from tibia, femur, and humerus vary between subjects, although the
density is the same. The Young’s modulus in the longitudinal direction is not very different
between the various types of cortical bone. However, the modulus varies greater along the
length of a whole bone than around its circumference [24, 37, 38].
2.1.2 Cancellous bone structure
Cancellous bone, also termed as trabecular bone, is a tissue with foam-like structure [34].
This bone type exists at the end of the long bones, in the vertebrae (irregular bones), and in
the core of shell-like bones such as the skull and the pelvis [3].
The cancellous bone of human adults is made primarily of lamellae or fragments of
Haversian. In young mammals it may be made of woven or parallel-fibered bone [27]. The
structure of trabecular bone varies in three ways: in its fine-scale structure, in its large-scale
structure, and in its porosity. At the fine scale, cancellous bone is usually made of lamellar
6

Cancellous bones
bone. At the first look, the cancellous bone consists of randomly oriented cylindrical (rodlike) struts, about 100 µm in diameter, each extending for about 1 mm before making a
connection with one or more other struts [27, 39].
Figure 2.2 shows that the pattern of cylindrical struts can vary by little plates. Low-density
trabecular bone has a rod-like (struts) structure (Figure 2.2a). As the density increases, the
foam structure becomes more like perforated plates (Figure 2.2b). The amount of variation
between rod- or plate-like structure ranges from cancellous bone in which there is just an
occasional plate among the struts to cancellous bone in which there is just an occasional strut
among the plates. In many cancellous bones the plates or struts may be considerably longer up
to several millimeters. The longer plates or struts are not randomly oriented instead they are
preferentially aligned in one direction called main trabecular direction (MTD). That led to
higher level of anisotropy along the bones [3, 39, 40].
a)

b)

Figure 2.2: a) rod-like trabecular bone, b) plate-like trabecular bone [41]

The type of bone made of cylindrical struts has no preferred orientation and is usually
found deep in bones away from any loaded surface. On the other hand, the more oriented type
is made of many sheets and is found just underneath loaded surfaces particularly where the
pattern of stress is reasonably constant [27, 42].
The porosity of cancellous bone is the proportion of the total volume that is not occupied
by bone tissue. Usually it is filled with marrow, whereas in birds there may be gas. The
porosity varies from being effectively complete, where there is only the occasional tentative
strut sticking into the marrow cavity, until approximately 50%. If the porosity is less than
about 50%, then cancellous bone becomes difficult to distinguish from compact bone with
many holes in it. However, the change from compact to cancellous bone is usually clear and
takes place over a small distance [27].
Bones grow in response to mechanical loading, and there is substantial evidence that the
trabeculae are oriented in the direction of the main stresses [27, 43]. That can be observed in
7

Theoretical background
trabecular bone in human vertebrae. They are loaded primarily along the length of the spine
and from the constraint of the cortical shell, in other words radially. Therefore, most vertebral
trabeculae are oriented roughly in the longitudinal or transverse directions [44]. It is generally
accepted that the density of trabecular bone depends on the magnitude of the stresses that it
experiences, while the microstructural anisotropy depends on the radio and the direction of
the main stresses [3].
2.1.3 Mechanical properties of cancellous bones
Cancellous bones are made up of individual trabeculae, each with it own stiffness. At the
same time the trabeculae build a structure that has its own unique stiffness, which is the
stiffness of each trabecula and the stiffness of the trabecular structure [45]. In the past it was
assumed that individual trabeculae, single osteons, and a thin cortical shell had the same
mechanical properties as those of large cortical bone specimens regardless of their type or size
[24, 46]. However, many investigators produced values for the Young’s modulus of
individual trabeculae, single osteons, and a thin cortical shell that were considerably less than
that for the whole bone [30, 45, 47]. Most biomechanical studies of cancellous bone
concentrate on structural properties because the material properties of trabeculae are difficult
to measure.
Cancellous bone possesses various anisotropies depending on the specific anatomical site
[34, 48, 49]. The tissue structure has been shown to vary from nearly transverse isotropic (for
example in human vertebra) to orthotropic e.g. human calcaneus [40, 50].
The structure of trabecular bone changes due to reductions in bone mass during aging. It
has been found in previous work that there is a 50% reduction in the relative density of
vertebral trabecular bone between 20 and 80 years of age [51]. The trabeculae initially are
thin and then they grow until the thickness reaches a critical dimension. When this happens,
they resorb entirely reducing the connectivity of the structure [52]. Resorption of the
trabeculae has a dramatic effect on the Young’s modulus and strength of cancellous bone [44,
53-55].
Numerous animal models have become a reliable basis for research on aetiology and
pathogenesis, and they enable scientists to develop new treatment strategies. So far, there has
been no animal model available which can satisfactorily answer the orthopaedic and surgical
questions related to osteosynthesis materials and fracture healing treatments for bones subject
to osteoporosis. An adequate size of the animal bones used for the tests is mandatory in order
to allow any transfer of knowledge to the human medicine field [56]. Bovine and ovine
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trabecular bone specimens were used as they provide an appropriate large animal model for
analysis of the mechanical behaviour of bone [49, 57-64]. Table 2.1 shows the Young’s
modulus and compressive strength of cancellous bone for different anatomic sites, ages and
animal models.
Table 2.1: Mean values of Young’s modulus and ultimate strength of various cancellous bones
Anatomic site

Age

Young’s modulus (MPa)

Ultimate compressive
strength (MPa)

Human vertebra [65]

87 years

67±45

2.4 ± 1.6

Human proximal tibia [66]

82 years

445±257

5.3 ± 2.9

Human proximal femur [67]

85 years

441±271

6.8 ± 4.8

Human femur head [40]

65 years

2730±1060

18 ± 6.4

Human calcaneus [50]

Not reported

68±84

1.4 ± 1.3

Bovine proximal tibia [68]

Not reported

2380±777

24 ± 8.3

Bovine femurs [69]

Not reported

310161

15.74  9.59

Bovine calf lumbar sacral [70]

Not reported

17397

7.1  3.0

Ovine lumbar vertebra [62]

Not reported

26153

27.61  8.02

36 months

869224

16.6  3.4

Not reported

Not reported

3.15  0.337

Ovine proximal tibia [63]
Ovine femur neck [71]

The Young’s modulus and failure stress of trabecular bone depends primarily on apparent
density, which is the product of volume fraction and trabecular tissue density. However, the
precise form of this relationship remains controversial [41]. It appears that most of the
controversy stems from the dependence of this relationship on anatomic site and loading
direction [72-74], and from the imprecision introduced by ignoring anisotropy and endartifact effects in the mechanical tests [40, 72, 75].
Data for the Young’s modulus and strength of different materials present in nature are
plotted in Figure 2.3. The trabecular bones are subdivided in: low density (LD), medium
density (MD), and high density (HD). Both strength and Young’s modulus vary largely with
the variation of density of the trabecular bone.
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Figure 2.3: Strength-Young’s modulus chart for natural cellular material [3]

Compression behaviour
The stress-strain curve of cancellous bone in compression follows similar behaviour as other
cellular solids. In Figure 2.4 it is possible to distinguish three regions of behaviour: an initial
linear portion, a plateau of almost constant stress, and a final increasingly steep region. Each
of these regions has a distinct mechanism of deformation associated with the density [34]. At
small strains the behaviour is linear elastic. In cells with asymmetric structure, the rod or
plates intersect at each other’s mid-points, causing elastic bending of the cell walls [76]. In
cells with columnar structure, the rod or plate-like trabeculae stack one on the top of the other,
and deformation in the longitudinal direction is driven by axial compression of the cell walls
[77]. In the transverse direction, the cells do not align, and the deformation is governed by
bending the same as in asymmetric cells. At sufficiently high strains, the cell fails by
buckling, by plastic yielding or by brittle fracture. If the trabeculae have a high ratio of length
to thickness, failure is caused by elastic buckling both in wet and dry specimens. But at lower
ratios, the wet specimens yield plastically while the dry samples fracture in a brittle manner
[78].
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Figure 2.4: Compressive stress-strain curve of cancellous bone for different relative densities of wet
trabecular bone [3]

Failure progresses at a roughly constant load until the cells close up sufficiently for the cell
walls to touch. When this occurs, the resistance to load increases giving rise to the final steep
portion of the stress-strain curve. As the density of the trabecular bone increases, the cell
walls become thicker and consequently the Young’s modulus and strength of the cellular
structure increase. The strain at which the cell walls touch decreases, reducing the length of
the plateau regime [34].
Fatigue and creep behaviour
Cyclic deformation of cancellous bone varies depending on the anatomic position, density,
etc., but it shows common deformation mechanisms [49, 57, 60, 79]. An increasing residual
strain (cyclic creep) which causes a shift of the hysteresis loops along the strain axis and an
increase of the nonlinearity of the hysteresis loops have been observed [79]. Some suggest
that cyclic creep plays an important role in the deformation of cancellous bones under fatigue
loading conditions [57, 59, 79], whilst Moore et al. [61] seem to believe otherwise, i.e. creep
does not contribute to fatigue in trabecular bones.
Figure 2.5 shows the main phases of the cyclic deformation behaviour. They may be
classified as deformation in the transient region, the pseudo saturation region (PSR), defined
failure and catastrophic failure [32, 57, 60, 80].
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Figure 2.5: Strain evolution as a function of numbers of cycles of bovine cancellous bone [79]

Creep failure of trabecular bone plays an important role in the loosening of hip prostheses
and in the etiology of spine fracture [81-83]. An understanding of the creep behaviour of
trabecular bone may therefore have clinical relevance if it can be related to these etiologies.
For example, it may be possible that cyclic creep damage, like fatigue damage, decreases the
strength of whole bones [84]. Damage to trabecular bone tissue caused by cyclic creep may
also have biological relevance if bone remodelling is induced to repair this damage [58].
The mechanical properties of cancellous bones are of interest in understanding how it
behaves in both healthy and diseased states [3]. This knowledge is necessary to investigate
treatment options for bone diseases like osteoporosis. In elderly patients with osteoporosis,
the mass of bone in the body decreases over the time to such an extent that fractures can occur
under loads that, in healthy people, would be considered normal. Such fractures are common
in the vertebrae, hip and wrist. A reason of these fractures is the reduction in the amount of
trabecular bone in these areas [32, 51].
2.1.4 Degenerative diseases of cancellous bones
Bone growth occurs during the first twenty years of life followed by a period of consolidation
during which time an individual's peak bone mass is reached. Bone has the property of
renewing itself throughout adult life and is never metabolically at rest [85]. Throughout life,
females have lower bone mass than males but with advancing age this difference widens.
Over a lifetime a female will lose approximately 35% of their peak cortical bone and
approximately 50% of their cancellous bone, while a male will lose approximately three
quarters of this amount [86]. For cancellous bone the rate of loss ranges from 1±3% per year
in women and is approximately 1.2% in men. The loss rate of cortical bone is lower at
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0.3±0.5% per year. Temporary accelerated rates may be experienced by postmenopausal
women [85, 87, 88].
Aging-related bone diseases are comprised of three major classes: the erosion of the joints
or osteoarthritis; an increase in bone resorption leading to osteoporosis, a low bone mass
disease with high risk of fracture; and metastatic bone disease that relates to breast cancer in
women or prostate cancer in men [89]. Osteoarthritis and osteoporosis are the most frequent
degenerative diseases of the skeleton. They are also the most frequent degenerative diseases
observed in developed countries [89, 90]. Figure 2.6 shows the effect of the osteoarthritis, and
osteoporosis in the compressive strain-stress curve of a trabecular human cuboid bone.

Figure 2.6: Effect of osteoarthritis, and osteoporosis in the compressive strain-stress curve of a
trabecular human cuboid bone [91]

Osteoporosis is a health problem of clinical relevance that recognizes many different
pathogenetic factors [92, 93]. Structural modifications related to osteoporosis mainly affect
cancellous bone, but cortical bone also is compromised with the reduction of cross-sectional
area because of the endosteal resorption and medullary expansion [94, 95]. Osteoporotic
patients develop pathologic fractures mainly affecting the hip, spine, and wrist, but the
incidence of fracture also increases at many other sites, necessitating the greater use of plates,
pins screws, and arthroprostheses in osteoporotic bones [96].
Trabecular bone may play a role in osteoarthritis, which is thought to be related to a
breakdown in the lubrication process at joints. The distribution forces acting across a joint is
directly related to the mechanical properties of the underlying trabecular bone, so changes in
its structure (and hence properties) may change the distribution of the forces and cause
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damage to the lubrication system [3]. The ability to accurately assess the bone quality in-vivo
is essential for improving the diagnostic and therapeutic goals for bone loss from such varied
etiologies as osteoporosis, microgravity, bed rest, or stress shielding from an implant [97].
Most of the bone replaced by an artificial hip is trabecular; therefore a better understanding
of the structure-properties relationships for trabecular bone allows a better design of implants
with properties that more closely match those of the bone they replace. The mismatch of
properties between current implants and surrounding bone is thought to be one of the reasons
of implant failure [3].

2.2 Requirements for a biomaterial
Biomaterials are artificial or natural materials, used for making of structures or implants, to
replace the lost or diseased biological structure to restore its form and function. The
biomaterial helps in improving the quality of life and longevity of human beings. The field of
biomaterials has shown rapid growth to keep with the demands of an aging population [4].
Biomaterials are used in different parts of the human body such as artificial valves in the
heart, stents in blood vessels, replacement implants in shoulders, knees, hips, elbows, ears and
orodental structures [98]. Particularly, the number of implants used for spinal, hip and knee
replacements are extremely high. In the previous chapter, it was described that the human
joints suffer from degenerative diseases such as osteoporosis and osteoarthritis generating
pain and loss of function. The degenerative diseases lead to degradation of the mechanical
properties of the bone due to excessive loading or absence of normal biological self-healing
process. Artificial biomaterials are the solutions for these problems, as surgical implantation
of these materials of appropriate shapes helps in restoring the function of the damaged tissues.
The design and selection of biomaterials depend on the intended medical application.
Development of new biomaterials is an interdisciplinary effort and it often requires a
collaborative effort between materials scientists, engineers, pathologists and clinicians [4].
2.2.1 Design and mechanical properties
Biomaterials are used either to regenerate the tissues (tissue engineering scaffolds) or to
substitute tissues in the body e.g. implants. The goal of tissue engineering is to generate
diseased or damaged tissues by providing a scaffold that mimics the body’s own extracellular
matrix (ECM). Scaffolds for the regeneration of a wide range of tissues, e.g. orthopaedic,
cardiovascular, nervous, gastrointestinal, urogenital, are currently being developed [3]. Tissue
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engineered scaffolds should fulfil a number of requirements. The material must be
biocompatible and it is desired that these materials degrade over time because they lose
strength as they age [99, 100]. The degraded scaffold should be replaced by the restored host
tissue. It must also promote cell attachment, proliferation, migration, differentiation and
production of native ECM [3].
Materials used for hip and knee implants are examples of bone substitute materials. The
materials used for orthopedic implants especially for load bearing applications should possess
excellent biocompatibility, superior corrosion resistance in body environment, excellent
combination of high strength and low modulus, high fatigue strength, high creep strength,
toughness and wear resistance, high ductility and be without cytotoxicity [1, 2, 101].
Presently, the materials used for these applications are mostly 316L stainless steel, cobalt
chromium alloys, and titanium-based alloys. They are sometimes coated with a porous
sintered metal or ceramic to increase bone ingrowths into the implant.
The mechanical properties decide the type of material that will be selected for a specific
application. Some of the properties that are of prime importance are hardness, tensile strength,
modulus and elongation [4]. The response of the material to repeated cyclic loads or strains is
determined by the fatigue strength of the material and this property determines the long-term
success of the implant subjected to cyclic loading. If an implant fractures due to inadequate
strength or mismatch in mechanical properties between the bone and implant, then this is
referred as biomechanical incompatibility. The material that replaces a part or the complete
bone is expected to have a modulus equivalent to that of bone. The current implant materials
have higher stiffness than bone, and thus the implant transfers the major part of the load,
resulting in bone resorption around the implant that finally lead to implant loosening. This
biomechanical incompatibility that leads to death of bone cells is called “stress shielding
effect” [102]. Thus a material with excellent combination of high strength and low modulus
closer to bone has to be used for implantation to avoid loosening of implants and longer
service period to avoid revision surgery. Figure 2.7 shows a comparison between the
mechanical properties of bone and various biomedical materials.
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a)

b)

Figure 2.7: Comparison of the mechanical properties of different biomaterials used in orthopaedic
implants: a) strength vs. Young’s modulus and b) strength vs. fracture toughness [103]

A very important factor for the success of an implant is the fixation between the prosthesis
and the bone. A good bone-implant fixation is necessary to have a pain free joint. When the
bone-implant interface starts to fail, a soft fibrous tissue grows at the interface that allows
more relative motion between the implant and the bone under loading. This leads to migration
of the implant and causes pain to the patient. After a certain period the pain becomes
intolerable and the implant must be replaced. There are a number of factors that may
contribute to asceptic or mechanical loosening. Among these factors are bone necrosis (death)
in the interface of bone-implant, mechanical damage done during surgery, wear debris, and
mechanical loosening from fatigue at the interface. The last two factors are mechanical in
nature and can be accounted for in implant design [104, 105]. It is therefore necessary to put
particular attention to the design of the implant in order to avoid these problems and to induce
the ingrowth of bone tissue in the implant.
2.2.2 Biocompatibility and osseointegration
The material used for the implant is expected to be highly non-toxic and should not cause any
inflammatory or allergic reaction in the human body. The success of the biomaterial is mainly
dependent on the reaction of the human body to the implant, and this measures the
biocompatibility of a material [101]. The two main factors that influence the biocompatibility
of a material are the host response induced by the biomaterial and the material’s degradation
in the body environment. Based on the response of the human body biomaterials can be
biotolerant, bioactive or/and bioreabsorbable. Biotolerant are those materials that response
with the formation of thin connective tissue capsule (0.1 to 10 µm) and the capsule does not
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adhere to the implant surface. Example of biotolerant materials are polymer-poly tetra
fluorethylene (PTFE), polymethyl metha acralyte (PMMA), titanium, cobalt-chromium, etc.
Bioactive materials response in the body with the formation of bony tissue around the implant
and they strongly integrate with the implant surface. Examples of bioactive materials are
bioglass, synthetic calcium phosphate including hydroxyapatite (HA), etc. Finally, the
bioreabsorbable materials are those that after some time in the body are replaced by
autologous tissue. Examples of these materials are polyactic acid, polyglycolic polymers as
well as processed bone graft, composites of all tissue extracts, proteins and support system
[4]. Bioactive materials are highly preferred as they give rise to high integration with
surrounding bone, however, biotolerant implants are also accepted for implant manufacturing.
When implants are exposed to human tissues and fluids, several reactions take place
between the host and the implant material and these reactions dictate the acceptability of these
materials by our immune system. Figure 2.8 shows a schematic representation of the response
of the human bone to an implant at different time intervals and the various reactions occurring
on the surface.

Figure 2.8: Representation of events at the bone-implant interface: a) Protein adsorption from blood
and tissue fluids, b) protein desorption, c) surface changes and material release,
d) inflammatory and connective tissue cells approach the implant, e) possible targeted
release of matrix proteins and selected adsorption of proteins such as BSP (Bone
sialoprotein) and OPN (Osteopontin), f) formation of lamina limitans and adhesion of
osteogenic cells, g) bone deposition on both the exposed bone and implant surfaces,
h) remodelling of newly formed bone [106]

The events at the bone-implant can be separated in two components: the response of the
host to the implant and the behaviour of the biomaterial in the host [107]. The biomaterial
response begins almost immediately after the implantation with the adsorption of proteins.
These proteins first come from blood and tissue fluids at the wound site and later from
cellular activity in the periprosthetic region. Once on the surface, proteins can desorb (native
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or denatured, intact or fragmented) or remain to mediate tissue-implant interactions [108,
109]. Some authors believe that the nature of this conditioning film deposited on biomaterials
is responsible for the host response [106]. Additionally, it is necessary to put attention on the
surfaces changes that occur in the biomaterial. One of these changes is the oxidation of
metallic implants. This topic will be described in details in the next section.
On the other hand, the host response to implants placed in bone involves a series of cell
and matrix events, ideally culminating in intimate apposition of bone to biomaterial, i.e.,
osseointegration. For this intimate contact to occur, gaps between bone and implant must be
filled, and bone damaged during preparation of the implant site must be repaired [106].
During this time, unfavorable conditions e.g. premature loading leading to micromotion, will
disrupt the newly forming tissue, leading to formation of a fibrous tissue capsule around an
implant [110-112]. This unfavourable reaction of the body is principally due to the conditions
of the biomaterial surface, since the first contact of the body is with the surface of the implant.
The specific interactions determine the path and speed of the healing process and the longterm integration of the bone-implant interface. Both the chemical composition on the surface
and the surface topography are important in bone contacting implants. They regulate the type
and the degree of the interactions that take place at the interface. Examples of these
interactions are the adsorption of ions and biomolecules such as proteins, formation of
calcium phosphate layers, and the interaction with different types of cells e.g. macrophages,
bone marrow cells and osteoblasts. Therefore, the nature of the initial interface that is
developed between an artificial material and the attached tissue determines the ultimate
success or failure of the materials. Tissue-biomaterial compatibility is the most important
issue to be considered for the implant success [4].
In addition to the biomaterial and biological events, the biomechanics of the bone-implant
interface must be studied. There, the presence of a cement line/lamina limitants at the
interface between bone and implant, similar to that between mineralized matrices or bone
cells and mineralized matrix, need to be considered. These cement lines are believed to be
weak points because mechanical failure of bone are frequently localized at these sections
[113]. Consequently, the strength of the interface tissue-implant is expected to be significantly
inferior to the intrinsic strength of the bone [106]. Another factor that must be considered is
that the excessive interfacial micromotion during bone healing is detrimental to
osseointegration [112]. It is possible that the relative motion between bone and implant
damages the fibrin network and new vasculature that are part of the early bone healing
process, consequently rerouting the healing response into repair by scar tissue [106].
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Considering the complexity of the tissue-implant interface, it is necessary to study the
mechanical loading altering the interface responses with in-vivo and in-vitro tests.
The mechanical characteristics of the bone-implant interface can be evaluated with
different techniques such as e.g. removal torque [114], tensile pull-out [115], push-in [116]
and push-out [117, 118] tests. The anatomical position and the type of implant need to be
considered in the selection of one of theses techniques. For example, the removal torque is
commonly used to measure the osseointegration of screwed implants. Pull-out test is utilized
to measure the uni-axial strength and in order to control the deformation rate of the boneimplant interface. Similar advantages offer the push-in and push-out test, but additionally the
push-out test allows an accurate analysis of the shear strength without the interference of the
tensile component. Consequently, it produces a stress analysis more reliably directed at the
bone-implant interface [118].
2.2.3 Corrosion resistance behaviour of biomaterials
Metals and alloys are subjected to corrosion when they are in contact with the body fluids.
The reason is that the body environment is very aggressive owing to the presence of chloride
ions and proteins [4]. Figure 2.9 shows the relationship of the biocompatibility (discussed
above) and the polarization resistance of metals (common technique in the corrosion
monitoring). In this figure it is possible to observe that the best combination of
biocompatibility and high corrosion resistance are achieved by Ti-alloys, Ta-alloys, Co-Cr
alloys and the 316L stainless steel. These materials react with the blood and other body fluids
and develop very thin and stable oxide films. These films are passive in nature and protect the
metals against further corrosion as long as the integrity of the films is maintained [9, 119].
Nevertheless, on these biomaterials still electrochemical changes occour in the physiological
environment. For example, depending on the method of sterilization, commercially pure Ti
implants have an oxide thickness of 2-6 nm before implantation [120]. Films on implants
retrieved from human tissues are two to three times thicker [119, 121].
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Figure 2.9: Relationship between polarization resistance and biocompatibility of pure metals, Co–Cr
alloy and stainless steels [122]

Surface analytical studies show that the chemical composition of the oxide film of Tialloys and stainless steel changes due to the presence of Ca, P, and S [119, 120]. Continued
oxide growth reflects ongoing electrochemical events at the tissue-implant interface. Another
consequence of these events is the release of metal ions into tissues [123]. This corrosion byproducts accumulates locally, but it also spreads systemically. As consequence, elevated
metal contents have been detected both in periprosthetic tissues [124, 125] and in serum and
urine of patients with implants [126, 127]. For example, metal levels of up to 21 ppm Ti, 10.5
ppm Al, and 1 ppm V around Ti-6Al-4V and up to 2 ppm Co, 12.5 ppm Cr, and 1.5 ppm Mo
around Co-Cr-Mo have been measured in the fibrous membrane encapsulating implants [124,
125]. Trace metals are essential for health, but they can also be toxic [128] or cause
hypersensitivity reactions [129]. In-vitro studies have revealed that metal ions, even at
sublethal doses, interfere with differentiation of osteoblasts and osteoclasts. It remains to be
determined if these effects on bone cells also occur in-vivo [106, 130-132].
The corrosion resistance of the passive film depends on the alloying elements and their
oxides formed. In addition, the corrosion resistance is affected by the physiological conditions
of the body. For example, the pH of the body may vary from 3.5 to 9 depending on the
condition of the area around the implant, e.g., if the area is wounded or infected [4].
Some forms of corrosion that can occur are crevice, pitting, fretting, etc. (Figure 2.10).
Crevice attack refers to corrosion at shielded sites such as screw/plate interface and under
washers. This is often observed in 316L and REX stainless steel as well as in other passive
alloys in the presence of chlorides [4, 133]. Pitting corrosion is a common problem with 304
SS implants. This corrosion of the implants is more predominant in the oral cavity due to the
greater availability of oxygen and acidic food stuffs in the environment [134]. Most of the
orthopaedic implants are subjected to low frequency loads that may lead to corrosion fatigue.
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Even simple walking results in a hip implant being subjected to a cyclic loading at about 1
Hz. Fatigue corrosion resistance of titanium is almost independent of the pH value while the
fatigue corrosion strength of stainless steel declines below pH 4 [135]. Fretting corrosion is
very common in all load bearing metallic orthopedic implants. Fretting occurs at the bonestems interface, the stem-cement interface and on the interface of modular connection
between implant components. The generation of ionic and particulate debris through fracture
and abrasion of the metal oxide protective layers and their deposition in the local tissue has
caused clinical concern [4].
a)

b)

Figure 2.10: a) Pitting corrosion in a welded REX 734 stainless-steel orthopaedic implant [136],
b) Fretting-corroded region of a wrought CoCrMo head on a forged titanium-stem
retrieved after 33 months [137]

Corrosion behaviour of a given metal in an electrolytic medium can be evaluated by using
different techniques e.g. polarization curve to observe the development and breakdown of the
passivation layer of biomaterials [10], electrochemical noise to study local corrosion as
crevice or pitting [138], potentiostatically controlled current to analyse the fatigue induced
surface damage [139]. The free corrosion potential or the open-circuit potential has been used
to observe the influence of the surface damage on the steady-state corrosion potential [140143]. Figure 2.11 shows the open-circuit potential (OCP) of different biomaterials in a
simulated body fluid (SBF). It is observed that at certain time, the alloys achieve a steadystate potential which indicate the complete formation of the passive layer. The behaviour of
this steady-state potential can be changed when the metal is exposed under monotonic and
cyclic loading conditions. For example, fatigue induces changes of the specimen surface e.g.
slip bands, intrusions, extrusions or microcracks. Consequently, negative potential peaks are
produced due to the more negative equilibrium potential of the alloys in the non-oxidized
state as compared to the oxidized form [142].
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Figure 2.11: Variation of OCP with exposure time for CP-Ti, Ti-6Al-4V, and Ti-xNb-13Zr alloys in
Ringer’s solution at 37°C [143]

2.2.4 Surface modification of biomaterials: Coatings
Long-term performance of surgical implants is often restricted by their surface properties.
Biomaterials such as 316L stainless steel or titanium and its alloys have poor tribological
properties such as low wear resistance which lead to a reduced service life of the implant. In
order to achieve high osseointegration, the surface chemistry, surface topography, surface
roughness and mainly the surface energy of the implants must be improved [4, 144].
Modification of the implant surface can be classified in physicochemical, morphological or
biochemical [106]. The physicochemical methods are those that alter the surface energy,
surface charge and surface composition with the aim of improving the bone-implant interface.
Examples are: glow discharge to increase surface free energy in order to improve tissue
adhesion [145], electrostatic interactions charge the surface to being conductive to tissue
integration [146] and coatings with e.g. calcium phosphate due to their chemical similarities
to bone mineral [147].
Morphological methods are referred to the alterations in surface morphology, topography
and roughness in order to influence cell and tissue responses to implants [106]. Examples of
these methods include sand blasting, etching, ion sputtering of solids, and inclusively porous
coatings with suitable surface roughness and controlled surface topography (Figure 2.12).
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Figure 2.12: Titanium implant with porous coating based on calcium phosphate[148]

Finally, biochemical methods of surface modification offer an alternative or adjunct to
physicochemical and morphological methods. Biochemical surface modification endeavors to
utilize current understanding of the biology and biochemistry of cellular function and
differentiation. The goal of biochemical surface modification is to immobilize proteins,
enzymes, or peptides on biomaterials for the purpose of inducing specific cell and tissue
responses or, in other words, to control the tissue-implant interface with molecules delivered
directly to the interface. This method has some similarities with some physicochemical
methods. Nevertheless, in contrast to e.g. calcium phosphate coatings, biochemical surface
modification utilizes critical organic components of bone to affect tissue response [106].
Among the different surface treatments there is a tendency to prefer the morphological
modifications as well as the physicochemical methods with coatings based on bioactive
materials. Surface machining, grit and sand blasting as well as polishing and etching methods
have shown to enhance cell growth, improving the interlocking of the bone tissue with the
surface area of the implant [111, 149]. These surface treatments induce the formation of the
passive oxides e.g. TiO2 in titanium alloys, Cr2O3 in 316L stainless steel and hence they
induce osseointegration on the implants [150, 151]. Additionally, it is possible to increase the
range of biocompatibility by depositing thicker passive layers or by covering it with bioactive
coating. Common coatings are: porous calcium phosphate, nano-ceramic particles, HA
(Hydroxyapatite), oxide coatings, etc. [4, 111]. These coatings can be produced by anodizing
[152], salt baths [153] as well as by physical deposition methods like ion implantation [154]
and plasma spray coating [155]. In addition thermo-chemical surface treatments such as
nitriding, carburization and boriding have been used to improve the surface hardness of the
implants [4]. Figure 2.13 shows the early cell proliferation after different times of cell
cultivation in titanium implants with different surface treatments.
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Figure 2.13: Cell density on polished, smooth, etched and anodized surfaces of titanium implants, after
4 hours, 24 hours, 3 days [152]

Investigations of coatings have been concentrated in the deposition processes,
biocompatibility and biological reactions on the surface of the coatings. However, the
mechanical behaviour of the coating on the implants must always be under consideration. The
ideal coating for orthopaedic implants would be one with optimimal porosity, strong cohesive
strength, good adhesion to the substrate and a high degree of crystallinity [156]. For example,
it is well known that the Young’s modulus of plasma sprayed coatings e.g. HA is usually
much lower than its corresponding bulk value. This can be attributed to the presence of pores
and microcracks inside the coating. Young’s modulus of coatings is essential in predicting the
residual stress levels present inside the coatings and in determining their fatigue behaviour
under cyclic loading [157].
Various in-vivo studies have found that failure mainly occurs at the metal/coating interface
[158-160]. The longer the period of implantation, the higher is the probability of failure at this
interface (since the strength of the bone/coating interface tends to increase with time during
the early stages of the post-operative recovery). Therefore, any anticipated long-term benefit
is expected to depend on the adhesive and cohesive integrity of the coating, which are
strongly dependent on microstructure of the coatings [157].
Another factor that might affect the mechanical behaviour of the coating is the
manufacturing process used. For instance, coatings deposited by ion implantation and plasma
spray may cause interfacial separation under repeated loading conditions. Surface treatment
techniques that operate at high temperatures e.g. nitriding, carburization and boriding usually
cause a torsion or twist of the substrate [4].
The adhesion of coatings on metal substrates is frequently determined by the tensile
adhesion test (TAT). The TAT is implemented by manufacturing a specimen which consists
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of a coating deposited onto a cylindrical bar. A complementary uncoated plug is then affixed
(with e.g. epoxy glue) to the coated sample so that a tensile force may be directly applied to
the coating [161]. This test has been regarded as semi-quantitative at best and useful only for
ranking purposes. The main problem associated with this test is that failure depends on the
distribution of the flaws present at the specimen edge, which results in a wide scatter for the
strength values obtained. In addition, there is a danger of significant penetration of adhesive
(usually epoxy) into the coatings or even down to the interface if they are thin [157].
Therefore, it is recommended to use micro-analyses that combine a fine observation with
SEM, XRD, etc, with the study of the coating behaviour under monotonic and cyclic loading
conditions.

2.3 Titanium and its alloys as implant materials
Amongst the materials available for implant applications, the selection of titanium-based
materials is due to the combination of their outstanding characteristics such as high strength,
low density, high immunity to corrosion, complete inertness to body environment, enhanced
biocompatibility, low modulus and high capacity to join with bone and other tissues [4, 162].
Titanium is found to be well tolerated and nearly an inert material in the human body
environment. In an optimal situation titanium is capable of osseointegration with bone [163].
Titanium and its alloys form a very stable passive layer of TiO2 on its surface and provide
superior biocompatibility. Even if the passive layer is damaged, the layer is immediately
rebuilt. The nature of the oxide film that protects the metal substrate from corrosion and its
physicochemical properties such as crystallinity, impurity segregation, etc. are of particular
importance in the selection of titanium as implant material [4].
At low temperatures, titanium has a hexagonal crystal structure which is commonly
known as α. Above 883°C, Ti has a body centered cubic structure (bcc) termed as β. The α to
β transformation temperature (know as β transus) of pure titanium is changed based on the
nature of the alloying elements [4]. Alloying elements such as Al, O, N, etc. tend to stabilize
the α phase (called alpha stabilizers) and the addition of these elements increases the beta
transus temperature. Aluminium is the most important α stabilizer and is therefore present in
many titanium alloys. On the other hand, elements that stabilize β phase are known as beta
stabilizers (V, Mo, Nb, Fe, Cr, etc.) and the addition of these elements decreases the β transus
temperature [4, 9]. Figure 2.14 shows the effect of the Al, V and Nb on the stabilization of the
α and β phases.
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Figure 2.14: Section of phase diagrams of binary titanium systems: Ti-Al, Ti-V and Ti-Nb [164]

The α and β phases form the basis for normally accepted classification of titanium alloys.
Alloys having only α stabilizer and consisting entirely of α phase are known as α alloys.
Alloys containing 1-2% of β stabilizers and about 5-10% of β phase are termed as near α
alloys. Alloys containing higher amounts of β stabilizers which results in 10-30% of β phase
in the microstructure are known as α+β alloys. Alloys with still higher β stabilizers where β
phase can be retained by fast cooling are known as metastable β alloys. These alloys
decompose to α+β on aging. Most of the biomedical titanium alloys belong to α+β or
metastable β class [4].
β transus temperature plays a central role in evolution of microstructure and is of great
technological importance in determining heat treatment and processing schedule. The alloys
processed or heat treated above the β transus temperature result in acicular or lamellar
structure and are typically known as β treated structure. When these alloys are mechanically
processed below the β transus and heat treated in α+β phase region, the microstructure
consists of a mixture of equiaxed α and β phases. Depending upon the alloy chemistry, heat
treatment temperatures and cooling rate, volume fraction of equiaxed α and nature of β phases
may change. In faster cooled structures, transformed β phase may constitute martensite or α
laths along with the retained β, while on slow cooling the transformed β phase may entirely be
retained β. [4, 9, 165]. Figure 2.15 shows various types of microstructures of Ti alloys
depending of the process route and heat treatment applied to them.
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Figure 2.15: a) Acicular martensite in Ti-6Al-4V quenched from β phase field, b) fully equiaxed
microstructure of a Ti-6242, c) lamellar α + β microstructure in Ti-6Al-4V slowly cooled
from the β phase field, d) Bi-modal microstructure of a IMI 834 [9]

The Ti-6Al-4V (Ti64) alloy is the most commonly used α+β titanium biomedical alloy.
Ti64 offers an excellent corrosion resistance and biocompatibility, however long-term
performance of this alloy has raised some concerns due to release of aluminium and
vanadium. Both Al and V ions released from the Ti64 alloy are found to be associated with
long-term health problems, such as Alzheimer disease, neuropathy and ostemomalacia [166].
In addition, vanadium present at the surface of the implant may be transported with the blood
and accumulated in kidneys and liver [12, 167]. That is undesirable because vanadium is toxic
both in the elemental state and as oxide V2O5 [168, 169]. An interesting alternative to solve
this problem is the replacement of vanadium with niobium in an α + β titanium alloy type. Ti6Al-7Nb (Ti67) alloy has similar properties compared to Ti64. However, contrary to
vanadium the element niobium is considered as a vital class element [10]. Nb has a stabilizing
effect on the oxide film of Ti based alloys [170]. The addition of Nb enhances passivation and
also resistance to dissolution by decreasing the concentration of anion vacancies. The
enhanced corrosion resistance is due to the formation of Nb rich oxide which is highly stable
in the body environment [4].
Ti alloys have lower Young’s modulus varying from 55 to 116 GPa compared to other
implant materials e.g. 316L stainless steel (193 GPa) and Co-Cr alloys (240 GPa).
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Nevertheless, it is still greater than that of bone. Figure 2.16 shows the Young’s modulus of
the most used bio-titanium alloys. It has been searched for different methods to further reduce
the Young’s modulus of titanium and its alloys without compromising the strength of the
implant. One possibility is to change the designs of the implant e.g. making porous structures
[171]. Another possibility is to change the alloy composition in order to retain a single phase
β microstructure on rapidly cooling from high temperatures. Previous authors have shown that
Nb, Zr, Mo, and Ta are the most suitable alloying elements that can be added to decrease the
modulus of elasticity of bcc Ti without compromising the strength [172]. It has been observed
that addition of these alloying elements up to certain weight percentage decreases the
modulus, beyond which increase in modulus is noted which is due to ω phase formation and
precipitation of α on aging [4, 173].

Figure 2.16: Elastic modulus of various Ti- alloys used as biomaterials [174]

2.3.1 Manufacturing of Ti implants - Casting process
The selection of a manufacturing process for Ti implants depends upon different aspects e.g.
complexity of the implant, cost, final mechanical properties, etc. For example, during the
manufacturing of a part by forging, the microstructure and the mechanical properties can be
modified over a wide range by thermomechanical treatments which can be easily incorporated
into the processing scheme of the part [175]. In the past, forging as well as machining were
intensely used to manufacture implants. Nowadays, the necessity to use implants with very
complicated shapes in restorative dentistry and orthopaedics has been observed. In the
fabrication of devices with complex shapes that requires great accuracy, the methods such as
precision casting [164, 176], electron and laser beam melting [16, 177], powder metallurgy
[13], etc. are used.
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Precision casting has attracted an increasing interest due to the relative reduction of the
overall cost and material. In addition, the mechanical properties of the cast Ti-alloy implants
can be controlled by controlling their microstructures [175].
In precision casting of titanium many variables must be taken into account. Titanium alloys
have high melting points and excessive reactivity of the melt with crucibles and moulds,
therefore melting and pouring of titanium alloys have to be performed under vacuum or inert
atmosphere [178]. A standard method to produce precision-cast parts is by vacuum-arc
melting and centrifugal casting in a lost-wax mould made from materials that will not react
with the molten titanium alloy [179].
Figure 2.17 shows a schematic representation of a centrifugal casting machine used to
produce precision-cast Ti products. This machine uses an electrode to melt the ingot into the
mould. A special attention should be placed in how the metal flows into a mould and the
completeness of casting in order to guarantee the success of the cast piece. The centrifugal
force must be high enough to fill the complete product.

Figure 2.17: Schematic representation of the centrifugal titanium casting machine [180]

The production technique of investment moulds for titanium casting is similar to the
production of investment moulds for ferrous and superalloys castings [181] except for some
very important differences. The major difference is in the investment slurry formulation. Due
to the reactivity of the molten titanium, a special attention to the chemical composition of
ceramic moulds must be paid. For these reasons, the conventional ceramic moulds of
zirconium silicate or alumina/silica are not suitable. Moulds made of such materials result in
titanium castings having unacceptable surface finish, high microporosity, and nonuniform
microstructure. That can cause a deterioration of the mechanical properties of the cast parts
[178, 179]. To avoid these problems, it is necessary to employ a combination of melting,
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moulding with investment moulds of special high-stable refractories and suitable heat-treating
practices [178, 182, 183].
2.3.2 Defects in cast Ti-alloy implants
Non-uniform microstructure
The typical microstructure of cast Ti-alloys is fully lamellar with coarse β grain size. In the
microstructure of conventional cast Ti-alloys such as Ti-6Al-4V or Ti-6242, parallel α and β
lamellae are aligned within one colony which indicates that parallel plates belong to the same
Burgers relationship [184]. That permits an easy slip transfer across α-β phase boundaries and
consequently the colony size determines the effective slip length. The size and the density of
α and β lamellae in these colonies as well as the slip length affect the mechanical properties of
the cast part [9, 175].
Previous authors have identified that the cross sectional structure of a cast-Ti can consist of
three zones. An outer and undesired reaction layer called α-case. This layer is followed by a
coarse acicular structure that is made of plate-like α-Ti crystals. The core of the samples
usually is a fine β-Ti plate structure called bulk microstructure [185]. The structure and
thickness of these layers can vary with the influence of the investment material, cooling rate,
mould temperature, casting volume and the thickness of the cast part [17, 175, 185]. For
example, the higher the mould temperature and the larger the cast volume, the thicker is each
layer and the coarser are the acicular grains [17]. As consequence, the mechanical properties
of the cast part will be affected. It has been reported that in complex cast parts with lamellar
structure the yield stress in thicker sections is lower than in thinner sections [175]. That can
be explained due to the increase of the colony size and thickness of the α-laths of thicker
sections. Previous theoretical work based on fuzzy logic neural networks has been conducted
to show the mechanical properties and functional dependency on the Ti microstructure [186].
Figure 2.18 shows that the increment of the lath thickness and the colony size induce to
decrease the yield strength in a Ti-64 alloy.

30

Titanium and its alloys as implant materials
a)

b)

Figure 2.18: Variation of the yield strength of a Ti67 alloy with: a) the thickness of the lath and with
the b) colony scale factor [186]

The lamellar structure of cast Ti-alloys can be modified with heat treatments e.g.
quenching, hot isostatic pressing (HIP), etc. The design of these heat treatments is based on
the fact that the slip length has a strong influence on the mechanical properties [175]. Heat
treatments in the α + β phase field induce a decrease of the α-phase, which indicate that the
width of the β lamellae increases at the expenses of the α lamellae. An appropriate cooling
rate permits that the widened β lamellae are hardened by the precipitation of very fine α
lamellae in different orientations. Microstructures containing modified β lamellae are called
bi-lamellar structures [9, 175].
Cast prostheses with complex shapes usually are heat treated with HIP and aging treatment
in order to eliminate subsurface casting flaws [187]. This heat treatment comprises of β
solutionizing step. This step is included to eliminate any effect on the microstructure and
properties arising from differential cooling rates upon HIPing. Then different cooling rates
can be used to homogenise and to produce a microstructure with small α - β platelet colonies
and a tortuous morphology. Figure 2.19 shows the effect of the cooling rate on lamellar
microstructure of a Ti-6242. Hot isostatic pressing is done to close internal shrinkage. This
treatment produces a satisfactory ductility and improves the fatigue resistance two times
higher than the cast part without HIP. Hot isostatic pressing had permitted the growth of Ticast parts in fatigue limited applications [9, 187]. For more complicated geometries with thin
sections the HIP process must be avoided in order to reduce the risk of cracks and failure of
the implant.
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Figure 2.19: Effect of cooling rate from the β phase field on lamellar microstructures of a Ti-6242 [9]

α-Case
Titanium is an inherently difficult metal to cast because of its high melting point (1670°C),
and its strong affinity to carbon and gases such as oxygen, hydrogen and nitrogen. Molten
titanium is extremely reactive with investment materials based on SiO2-phosphate, Al2O3,
ZrO2, ZrSiO2 and CaO [18, 188, 189]. The reaction between Ti and the elements of the
mould results in the formation of hard and brittle layers, termed as α-case (Figure 2.20).

Figure 2.20: Micrograph of a cast Ti sample: arrows show the α-case thickness [190]

α-Case can be formed by the local increase in oxygen content in the metal near the surface.
This increment in oxygen promotes the formation of an oxygen-rich Ti hexagonal solid
solution at temperatures where the bulk alloy would be single-phase β and also alters the α/β
structure near the surface during cooling to room temperature [190]. Some authors have
described the α-case in parts made with moulds based on Al2O3 as a combination of TiO2 and
intermetallic Ti3Al phases [189]. Because of its high content of oxygen, the alpha case is
mechanically hard and brittle, and this can cause a serious reduction in performance of the
metal, especially in fatigue [191]. For example, tensile testing of Ti castings revealed that
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microcracks formed readily in the α-case and the growth of these microcracks caused ultimate
fracture and determined the tensile ductility of Ti castings [192]. In general, a large α-case can
lower the fatigue strength and tensile ductility because of larger microcracks in the α-case
[193].
Many studies of the α-case involved characterization of the microhardness in this layer as a
function of distance from the surface in order to establish the depth of the α-case [194-196].
Previous work has reported alpha-case thickness in the range of 50-500 µm [190]. It has been
shown that using wedge-shaped casting specimens the α-case thickness increases with
increasing wedge thickness for CP-Ti, Ti-6Al-4V and Ti-6Al-7Nb [195, 196]. In dental and
prostheses with thin sections the α-case can be a significant fraction of the thickness or crosssectional area of the product.
In order to avoid or eliminate the undesired α-case, various methods can be used. To avoid
α-case formation, expensive mould coatings such as ZrO2, and Y2O3 have been adopted since
their oxides formation occurs at standard energy changes with more negative values than TiO2
[197]. Consequently, minimal reaction between the mould wall and liquid Ti into the mould is
expected [196]. Disadvantage of this method is the high cost of these coatings and therefore it
becomes unattractive when a low-cost casting process is desired.
The α-case can be removed using mechanical methods such as grinding, sand-blasting, etc.
or by chemical methods like acid pickling [198, 199]. The method selected to eliminate the αcase must take into account the shape and dimensions of the cast part as well as the depth of
the α-case layer. For example, chemical milling is utilized to eliminate the α-case of cast
specimens with very complex geometries [198]. On the other hand, if the Ti-cast part is too
large and extended surface areas are present, it is better to remove the α-case by mechanical
methods.
Porosities and Voids
Metal contamination or inappropriate sprue designs may lead to formation of shrink, gas
bubbles, or weld lack-of-fusion cavities. These defects react with the molten titanium and
produce porosities in the cast parts [200, 201]. Three principal phenomena can cause high
internal porosity in titanium casting: (1) When the suctioning pressure is too high because of a
large pressure difference between the casting chamber and the mould chamber, gas is
introduced into the flowing melt; (2) if the speed of the flowing molten metal stream is too
high then it results in gas incorporation in the cast part; and (3) when the wettability of the
surface of the mould is too high for the molten titanium, the metal flow becomes intermittent;
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the metal poured first travels too quickly to the end of the mould, immediately solidifying,
and the metal following the first pour cannot catch-up [185, 188]. It has been found that
laminar rather than turbulent flow can be beneficial for the casting of mesh patterns using a
pressure casting machine [202]. Shrink voids result from the reduction in volume as the
molten metal solidifies and contracts. Gas pores can develop if gases (such as hydrogen)
liberated by the solidifying metal, or from the mould wall, do not escape prior to passage of
the solidification front. Consequently, the entrapped gas forms bubbles in the casting [200].
Weld lack-of-fusion (LOF) cavities may develop during weld repair of the casting and so
are not truly casting defects. They are generated during post-casting foundry processing and
do contribute to the defect population. They are typically due to poor surface preparation or
inadequate heat delivered in the weld pool [200].
The presence of undesirable porosity deteriorates the mechanical properties of titanium
casting. Previous authors have observed that the tensile strength and elongation of the cast
CP-Ti samples decrease as the internal porosities increase [185]. Most of these samples
fractured at large centrally located pores.
Low internal porosity can be obtained by producing a smooth metal flow with little Ar gas
following the metal into the mould cavity. This technique avoids the inadequate mould filling
that affects the porosity of the cast part and produces better escape possibilities for the gases
trapped in the mould [203]. Shrink void defects can be minimized by sound gating practices
to insure a source of molten filler metal to move the shrink out of the part envelope [200].
Inclusions
Inclusions are exogenous solids defects in titanium casting and occur as two main types: lowdensity inclusion (LDI), e.g. hard-α, and high-density inclusions which appear as ceramic
shell and tungsten (Figure 2.21). The inclusions are typified by a core of Ti-O or Ti-N phases
(often, with Ti3Al) surrounded by porous, embrittled α-Ti phase. [200, 204].
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Figure 2.21: Ceramic shell inclusions in titanium investment casting [200]

The so-called low-density inclusions (LDI), e.g. hard-α inclusions, create big problems.
They originate in a number of different ways, but the principal source of the most
troublesome variety, with high nitrogen contents, is in the original manufacture of titanium
sponge. The formation mechanism of these inclusions is identical to the mechanism follow by
the formation of the α-case. The form of the inclusions is one in which there is extensive local
stabilisation of the α-phase generally by nitrogen although some combination of nitrogen,
oxygen and carbon may also be present in certain cases. The stabilized phase is very brittle
and after mechanical working normally contains cracks and also may retain some porosity
from the original sponge structure [204].
The HDI inclusions can arise from: (1) contamination of the scrap fraction of the raw
materials used in machine-tool tips made from cobalt-bonded tungsten carbide; (2) accidental
inclusion of heavy metal scrap such as incandescent light filaments, ball-point pens and
thermocouple scrap; (3) heavy metal component of incorrectly-prepared master alloy; (4) use
of incorrectly formulated alloy mixes including the addition of heavy metal pieces which are
too large to dissolve and homogenize in the vacuum-arc-remelting processing [204].
The applications of Ti-alloys as implant material have shown outstanding increase in the
last decade. Modern and high-quality casting techniques have improved the properties of the
Ti-implant. However, to improve the mechanical interaction between implant and bone,
implants with better designs and structures must be developed. Recently, there has been
increasing interest in the use of metal foams in orthopaedic implants [6, 205]. These materials
have low Young’s modulus, structures that allow tissue ingrowth, high specific surface area
that promote the delivery of biological factors such as cells, genes, proteins and growth
factors.
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2.4 Engineering cellular solids in medical applications
Cellular structures extend a range of properties available to the engineer. These properties
depend on the material from which they are made e.g. ceramics, polymers or metals. Cellular
solids have physical, mechanical and thermal properties which are measured by the same
methods as those used for fully dense solids. The low densities permit the design of light and
stiff components such as sandwich panels and large portable structures. The low stiffness
makes foams ideal for a wide range of cushioning applications; for example elastomeric
foams are the standard materials for seating. The low strengths and large compressive strains
of foams make them attractive for energy-absorbing applications [206]. The combination of
these properties has favoured cellular materials for orthopaedic research and testing purposes
[3, 207]. Figure 2.22 shows the mechanical properties of engineering materials, including
cellular materials, commonly used in medical applications.

Figure 2.22: Young modulus vs. tensile strength of engineering materials [3]

The properties of the cellular solids depend on the bulk properties and the relative density,
the distribution of the material and the architecture of the cellular solid [208, 209]. The most
important property of a cellular solid is its relative density  * /  s , which is the relationship
between the density of the cellular material  * divided by that of the density of the solid from
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which the cell walls are made,  s [209]. Special ultra-low-density foams can be made with a
relative density as low as 0.001. Polymeric foams used for cushioning, packaging and
insulation have relative densities which are usually between 0.05 and 0.2; cork is about 0.14;
and most softwoods are between 0.15 and 0.40. It is generally accepted that the true cellular
solids have relative densities less than 0.3. As the relative density increases, the cell walls or
struts thicken and the pore spaces shrinks; above about 0.3 there is a transition from a cellular
structure to one which is better thought of as a solid containing isolated pores [3, 206, 208,
209].
Cellular materials can be divided into closed-cell foams and open-cell sponges (Figure
2.23). When the pores in the foam are sealed between them, it is called closed-cell, and in
contrary, when the pores form an interconnecting network, the material is called open-cell
foam. In order to make a comparison between cancellous bone and engineering cellular
materials, it can be said that closed-cell foam follow similar shapes as plate like cancellous
bone (Figure 2.2). Perhaps with the only difference that in cancellous bone the pores are
always interconnected between each other, that doesn’t occurs in all closed-cell foams [34].
On the other hand, open-cell foams show extreme similarities with the architecture of the rodlike cancellous bone [3, 34, 207].
a)

b)

Figure 2.23: a) closed-cell foam [210], b) open-cell foam

In this work particular attention is placed to the open-cell foams as orthopaedic implants
and as analogue cancellous bone material for in-vitro studies. The aims of using open-cell
foams as implant material are two: favouring bone ingrowth into the cell pores and offer
Young’s moduli closer to that of the bone they replace. Previous studies have found that bone
ingrowth is optimized in cellular materials with pore size in the rage of 50-400 µm [6].
Implants with Young’s modulus closer to bones avoid stress shielding: a reduction in stress in
the remaining bone, which can lead to bone resorption and loosening of the implant. This is
especially critical in load-bearing such as implant for joint replacement [49].
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The open-cell foam structure consists of little columns or beams forming a network that
can be approximated by a bcc lattice of space-filling tetrakaidecahedral cell structure. The
cells are randomly orientated and they show better homogeneity in size and shape than in the
closed-cell foams [208, 211].
On broad lines the open-cell foams can be considered almost isotropic, meaning that their
structure and their properties have no directionality. On the other hand, natural cellular solids
e.g. wood, cork, bone, etc. are rarely so [208]. In section 2.1.2 it was observed that the
structural anisotropy of bones depends on the ratio and direction of the main stresses,
meaning that the bone shows higher strength in the main trabecular direction (MTD) than e.g.
perpendicular to that direction. Open-cell foams do not present this characteristic, permitting
the use of foams as implant in different directions inside the bone without altering the
Young’s modulus and strength of the implant. Open-cell ceramics, polymer and metallic
foams can be found in medical applications.
Ceramics foams in medicine
Ceramic materials used in medicine are calcium phosphate, aluminium oxide, zirconium
oxide as well as bioactive glasses and glass ceramics. These materials have been used for long
time in medicine as full materials but in the last years the implementation of calcium
phosphates, Al2O3 and ZrO2 as foam structures has been increased specially in dental implants
and vertebral bone replacement [21].
Porous Al2O3 scaffold coated with tricalcium phosphate (TCP) have been already used to
improve the osteosynthesis, biocompatibility and the interaction of the implant surface with
the bone material. Clinical research has shown excellent growth and propagation of bone cell
in the interconnecting porous surface of these implants [212].
ZrO2 and its composites exhibit higher mechanical properties compared to Al2O3.
Researchers have successfully fabricated porous ZrO2 parts for biomedical applications [5,
213]. However, ZrO2 has the limitation that it could not bound directly to bone nor conduct
bone ingrowth into the pore channels. Therefore, these implants need to be coated or
incorporated as second phases with biocompatible materials. The HA (hydroxyapatite)
coatings on bioinert materials were reported to have advantages in surgical applications due to
the rapid fixation and bonding to bones as well as uniform ingrowth at the interface [158,
214]. However, incorporating the ZrO2 implant with HA coating produces reactions between
the ZrO2 and the HA, they can reduce the mechanical properties and degrade the
biocompatibility of the material [215].
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Zirconia toughened alumina (ZTA) has been regarded as the next generation orthopedic
graft material due to its excellent mechanical properties, wear resistance and biocompatibility.
Porous ZTA ceramics with good interconnectivity can potentially be used as bone grafts for
load-bearing applications. Due to the bio-inertness of alumina and zirconia ceramics, surface
bioactivation of the ZTA foams was carried out in order to improve their bioactivity [216].
Polymeric foams in medicine
Applications of polymeric materials for clinical purposes have been strongly increased in the
last years. That is basically due to their reduced prices and easy workability. From these
materials it is possible to elaborate short and long-term implants e.g. artificial blood vessels,
heart valves and catheters. Beyond these applications, different bone replacement materials
are developed from polymers based on natural and synthetic materials [21].
A big challenge is the development of foamed materials based on natural, biodegradable
and reabsorbable polymeric materials. A novel processing technology has been reported for
creating a biodegradable polymer scaffold that mimics the architecture of trabecular bone and
that supports bone growth throughout its volume [217].
Researchers have generated porous Poly (lactic-co-glycolic) (PLGA) foams, those include
solvent casting-particulate leaching, fibre weaving, and phase separation [218]. Although,
PLGA foams with porosities as high as 95% and cell sizes ranging from 20 to 500 µm have
been reported, big drawback to these techniques is that they utilize organic solvents in the
fabrication process. Residues of organic solvents left in the polymer after processing may be
harmful to the transplanted cells and can inactivate many biologically active factors e.g.
growth factors [219].
2.4.1 Open-cell metallic foams in medicine
Recently, there has been increasing interest in the use of metal foams in orthopaedic implants
[6, 205]. Initially, foams were used for coating of prosthetic devices, similar to porous
sintered beads, but there is also interest in their potential for broader use e.g. replacement for
vertebral bodies. Nearly all the work to date has focused in open-cell foams made from
tantalum and Ta alloys, and intermetallics of titanium, as they have already been
demonstrated to have excellent biocompatibility and corrosion resistance. Particularly,
titanium has the advantage that its Young’s modulus is approximately half that of other
orthopaedics metals e.g. cobalt-chromium and stainless steel alloys [3].
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Porous tantalum implants have been increasingly used in the last years. Figure 2.24 shows
a tantalum foam with porosity of 75-80%. These foams are typically made with cell sizes
between 400 and 600 µm, which is suited for the bone ingrowth [6]. Tantalum foams have the
disadvantage that they form a surface oxide, Ta2O5, which does not form bond with the bone.
However, tantalum foam can be coated with an apatite layer that does bond to bone [220].

Figure 2.24: SEM micrograph of a tantalum foam [221]

Foams of titanium alloys have enormous potential for orthopaedic and load bearing
implants application [8, 16, 222]. Cell size of the titanium foams used for implant varies from
100 to 800 µm depending on the fabrication method. Relative densities have been observed to
range from 0.2 to 0.65. Consequently, a big variation on the mechanical properties of the
foams can be expected reflecting the variation of microstructure obtained from different
manufacturing processes [3].
Implant fixation enhanced by porous structures is still under intensive study, even after
more than 30 years of development [7]. The main problem to overcome is the necessity to
balance different properties. It is necessary to increase the average mechanical strength to
resist the applied load and reduce the Young’s modulus to prevent stress shielding
phenomena. The single pore dimensions should be controlled to stimulate both mineral and
collagen osteointegration. Additionally, an adequate porosity to assure the proper
interconnection between different pores and bone, high corrosion resistance under stress
conditions and good biocompatibility are needed [8].
2.4.2 Manufacturing processes of open-cell metallic foams
The most common fabrication method to produce open-cell metal foams is by replication.
This process involves the use of a template which possesses the desired structure to be
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foamed. Different structures can be used as templates to fabricate metal foams: polymer
foams that are first opened by special treatment, reticulated vitreous carbon, loose or sintered
bulks of inorganic or organic granular metals, hollow spheres and regular polymer structures
[223].
The template is then replaced by the desired metal. This process can be carried out by
coating the template with metal vapour, electroplating, or investment casting. For example,
tantalum foam can be manufactured by chemical vapour deposition (CVD) process, slurry
infiltration, sintering as well as by fugitive phase method, foaming agents, expansion of argon
gas, freeze casting, selective laser melting and by self-propagating high temperature synthesis
[3, 221].
Open-cell titanium structures are manufactured by a number of different techniques, e.g.
controlled powder sintering [13], solid-state foaming by superplastic expansion of argonfilled pores [14], as well as by selective electron beam melting and precision casting methods
[15, 16].
In this work, the precision casting method has been adopted and is of particular
importance. Therefore, this method is explained in details. Figure 2.25 shows a schematical
description of the casting method to produce open-cell metallic foams. An open-cell polymer
foam template with the desired porosity, cell size and strut thickness is first selected. This is
coated with a mould casting slurry (ceramic powder) which is then dried and embedded in
casting sand. The mould is then baked both to harden the casting material and to decompose
(and evaporate) the polymer template, leaving behind a negative image of the foam. This
mould is subsequently filled with a metal alloy and allowed to cool [224].
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Figure 2.25: Investment casting method used to manufacture open-cell foams [224]

The use of a moderate pressure during melt infiltration can overcome the resistance to flow
of some liquid alloys. That is particularly important for metals that are difficult to cast e.g.
titanium alloys. After solidification and cooling, the mould materials are removed leaving
behind the metal equivalent of the original polymer foam [225]. In a variant of this process,
the precursor structure is assembled from injection-moulded polymeric or wax lattices. The
lattice structure is coated with a casting slurry and fired, burning out and leaving a negative
image mould. Metal is cast or pressure-cast into the mould using conventional investment
casting techniques [224].
Precision casting process has been used in the manufacturing of: Aluminium, magnesium,
nickel-chromium, stainless steel, and copper foams [224].The advantages of the precision
casting are in the great variety of structure parameters that can be produced. Furthermore, the
increasing of the availability of precision-cast foams in these varieties of structures and
steadily decreasing production costs open new applications for cellular materials [226].
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2.4.3 Mechanical properties of open-cell metallic foams
The structural behaviour of a foam depends principally on its relative density  * /  s . The
fraction of pore space in the foam is termed as porosity defined by 1   * /  s . At first sight
one might think that the cell size should be an important parameter, and sometimes it is, but
most mechanical and thermal properties depend only weakly on cell size. Cell shape matters
much more e.g. when the cells are equiaxed the properties are isotropic, but when the cells are
slightly elongated or flattened the properties depend on direction. In addition, the three
dimensional topology of the foams is an important factor that requires special attention. This
structure in which the cell struts have random orientations in space is complex to analyse and
usually this structure is simplified using a two-dimensional model to describe the properties
of the foams [209]. All these properties are crucial to understand the mechanical properties.
Among the principal mechanical properties of the foams compression and compressive
fatigue behaviour are of particular interest in the analysis of the open-cell foams as implant
materials.
Compression behaviour
Figure 2.26 shows a schematic stress-strain behaviour of open-cell and closed-cell metallic
foams during compression. The foams under compressive loads are characterized by three
regimes. The first region is a linear elastic regime (Figure 2.26, point (1)), corresponding to
cell edge bending or face stretching. The Young’s modulus of the foam is usually measured
in this regime since the initial loading appears to be elastic. Nevertheless, the initial loading
curve is not straight, and its slope is less than the true modulus, because some cells yield at
very low loads. The real Young’s modulus E, is best measured dynamically or by loading the
foam into the plastic range, then unloading and determining E from the unloading slope [208,
224]. For this reason, a compression test standard has been developed for metallic foams that
permits more accurate measurements of E [227].
After the first stress maxima, crushing of cell struts within a localized deformation band
leads to a pronounced decrease in the stress level. During further compression the stress
increases again, until reaching a state, where massive plastic buckling of the cell struts keeps
the stress at a constant value. Once a critical deformation is exceeded, collapse of the
respective band leads once more to a stress decrease. This process of deformation-band
formation and collapse is repeated throughout the plateau regime (Figure 2.26, point (2)) of
the stress-strain curve. In the stress plateau, the principal deformation mechanism is the
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plastic yielding or brittle crushing, depending on the nature of the solid from which the foam
is made. Finally, when the complete cellular structure is collapsed, further deformation leads
to the densification of sponge and a strong stress increase (3) [208, 211]. This behaviour is
similar to the behaviour analysed for bones in chapter 2.1.2 (Figure 2.4).

Figure 2.26: Schematic representation of the compression strain-stress curve of a metallic foam [224]

In order to analyse the deformation behaviour of the foams, it can be simplified by using
two-dimensional honeycomb cell models (Figure 2.27a) or with a cubic cell model (Figure
2.27b). A hexagonal or honeycomb network is a good starting point because the modes of
deformation correspond to those of three-dimensional foams [208]. The geometry of foams is
much more complicated than that of honeycombs but the mechanisms by which foams deform
and fail are similar to those in hexagonal structure. Figure 2.27b shows a cubic cell model
used commonly in literature to analyse the mechanism of deformation and failure of open-cell
foams. The results obtained with this model can be used for any cell geometry so long as the
mode of deformation or failure is the same that the studied foam [3].
a)

b)

Figure 2.27: a) Honeycomb cell model, b) 3-D model of an open-cell foam [3]

In the linear elastic regime, low-density open-cell foams deform primarily by bending of
the cell edges. The Young’s modulus, E*, can be estimated as follows: Figure 2.28a shows
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that under a transverse load, F, the bending deflection, δ, of a strut of length, l, and crosssectional area proportional to t2, is given by

  Fl 3 / E s I

(2.1)

where Es is the Young’s modulus of the solid and I is the moment of inertia and I  t .
4

Figure 2.28: Linear elastic strut bending of an open-cell foam model [3]

The stress acting on the cell is proportional to F/l2 and the strain is proportional to δ/l,
giving
E * / E s  (t / l ) 4

(2.2)

The relative density of any open-cell foam, ρ*/ρs, is proportional to the square of the ratio of
the strut thickness to length, t/l, so that
E * / E s  C1 (  * /  s ) 2

(2.3)

The analysis gives the dependence of the Young’s modulus on the solid modulus and the
relative density, and combines all of the constants of proportionality related to the cell
geometry into a single constant, C1 [3]. By fitting equation 2.3 to data, it was found that C1~1
[209]. A structural analysis of a tetrakaidecahedral unit cell model with edges with plateau
borders found that C1 =0.98 [228].
The cells in open-cell foams can collapse by buckling, plastic yielding or by brittle
crushing (Figure 2.29), depending on the nature of the cell strut material. Highly plastic foams
can be compressed at high strain values without failure. The deformation is still recoverable,
but is nonlinear. That is caused by elastic buckling of the columns or beams which make up
the cell edges [229] (Figure 2.29a). The elastic collapse stress in an open-cell foam is
proportional to the Euler buckling load divided by l2:

 el* / E s  C 2 (  * /  s ) 2

(2.4)
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Fitting equation 2.4 to data gives C2~0.05 [209]. Structural analysis of a tetrakaidecahedral
unit cell gives C2~0.1-0.18, depending on the cross-section of the edges, for loading in one
direction; loading normal to the square faces does not produce buckling [230].
a)

b)

c)

Figure 2.29: Dimensional analysis of cell collapse in an open-cell foam by a) buckling, b) plastic
yielding and c) brittle fracture [3]

If the cell-strut material is ductile which holds for most metals (depending of the
manufacturing process), then the foam as whole shows ductile behaviour. The plastic collapse
stress, σpl*, is found by equating the applied moment, M, in a strut from a transverse force, F,
to the “plastic moment”, Mp, required to form plastic hinges (Figure 2.29b):

M  Fl   *pl l 3

(2.5)

M p   *ys t 3

(2.6)

giving

 pl * /  ys  (t / l ) 3  C 3 (  * /  s ) 3 / 2

(2.7)

for an open-cell foam, where σys is the yield strength of the solid cell strut material. Fitting
equation 2.7 to data gives C3~0.3 [209]. In the yielding of ductile foams the fully plastic
moment of the cell wall is exceeded, giving large deformation at an almost constant stress.
The brittle crushing strength, σcr*, is found in similar manner, with (Figure 2.29c):
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 cr * /  fs  C 4 (  * /  s ) 3 / 2

(2.8)

where σfs is the “rupture strength” of the solid cell strut material. The rupture strength of an
elastic beam is the maximum surface stress at the instant of failure by bending [208]. Fitting
equation 2.8 to data gives C4~0.2 [209]. Brittle foams collapse by crushing in compression
[231]. Figure 2.29c shows that the low crushing strength of the foam limits the loads that can
be applied to it. In the crushing of a brittle foam, the “rupture strength” of the cell walls is
exceeded fading to fracture.
Another factor that may affect the deformation behaviour is the homogeneity of the foam.
Poor homogeneity introduces localised deformation by the formation of deformation bands
leading to cell collapsing. With increasing homogeneity the deformation of the foam structure
becomes more uniform due to the more uniform distribution of the stresses [232].
Compressive fatigue behaviour
Like monotonic loading conditions, the mechanical behaviour of foams under fatigue depends
on their ductility and homogeneity [233]. Previous works have shown that cyclic loading of
cellular metals leads to cyclic creep and depends strongly on the stress ratio R. The increasing
residual strain (cyclic creep) causes a shift of the hysteresis loops along the strain axis and an
increase of the nonlinearity of the hysteresis loops [79]. Compression-compression testing
(R > 1) results in sudden collapses of localized deformation bands after a certain number of
cycles [211, 234]. Under compressive fatigue loading, metallic foams undergo progressive
crushing, and can achieve large strains prior to densification [235-237].
The compressive fatigue behaviour of foams involves an initial transition period. Then
large plastic strains gradually develop and the material behaves in a quasi-ductile manner.
Ashby et al. have described the mechanisms that occurs in compression-compression fatigue
as a combination of distributed cracking of cell walls and edges, and cyclic ratcheting under
non-zero mean stress [224]. Both mechanisms lead to the progressive crushing of cells. Three
types of deformation pattern have been developed:
-

Type I behaviour: Uniform strain accumulates throughout the foam, with no evidence
of crush band development. This fatigue response is the analogue of uniform
compressive straining in monotonic loading. This mechanism has been observed for
open-cell aluminium foam e.g. Duocel (Figure 2.30).
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Figure 2.30: Progressive shortening behaviour in compression-compression fatigue for a Duocel Al6101-T6 foam of relative density 0.08 [224]

-

Type II behaviour. A single crush band forms and broadens with increasing fatigue
cycles, as sketched in Figure 2.31a. Eventually, the crush band consumes the specimen
and some additional shortening occurs in a spatially uniform manner. Type II
behaviour has been observed for closed-cell foams e.g. Alulight.

-

Type III behaviour: Crush bands form at random non-adjacent sites, causing strain to
accumulate as sketched in Figure 2.31b. A crush band first forms at site (1), the
weakest section of the foam. The average normal strain in the band increases to a
saturated value of about 30% nominal strain, and then a new crush band forms
elsewhere (sites (2) and (3)), as it is sometimes observed in monotonic tests. Type III
has been observed for closed-cell foams e.g. Alporas, Alcan.

Figure 2.31: Typical behaviours in compression-compression fatigue of metallic foams at a fixed
stress range: a) Progressive shortening by broadening of a single crush band with
increasing cycles, b) sequential formation of crush bands [224]
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The behaviour of open-cell foams shows that large compressive strains are achieved in a
progressive manner. It can be anticipated that this high ductility endows the foams with notch
insensitivity in compression-compression fatigue [224] (Figure 2.30). In open-cell foams,
fatigue cracks propagate across cell edges, so that at the end of the test, tetragonal joints fall
out of the foams. The resulting disconnection of the foam structure gives rise to a collapse
band [236, 238]
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3.1 Preparation of the bone samples
Ovine, bovine and rat bones were used in this study to analyse the structure and mechanical
properties of animal cancellous bones. Morphological analysis was focused on the rat and
ovine cancellous bones. The analysis of the mechanical properties of big animal models was
one of the principal aims of this work. Due to specimen limitations, few samples of ovine
cancellous bones for the compression test were received. To solve this deficiency of
cancellous bone samples, bovine bones were utilized to test big animal bones under
compressive loading conditions. The understanding of the morphological and mechanical
properties of the cancellous bone was important for the design and manufacture of the porous
implant used in rats and sheep. The implantation was carried out in rat and sheep and after a
period of recovery the animals were sacrificed in order to perform the post operative biomechanical studies at the implant-bone interface.
3.1.1 Rat bone
The rat bones were obtained from the Labor für Experimentelle Unfallchirurgie, JLU Gießen.
Due to the small dimensions of the rat bone, analyses were focused on the morphological
structure of the cancellous bone for indentifying the osseointegration process in the implantbone interface by using bio-mechanical testing. The bones were studied at the distal femoral
metaphysis (Figure 3.1a). Figure 3.1b shows that the structure of the rat cancellous bone at the
distal femoral metaphysis is rod-like with a trabeculae spacing (Tb.Sp.) of 234±131 µm and a
trabeculae thickness (Tb.Th.) of 90±78 µm.
a)

b)

Figure 3.1: a) Position of the extracted rat bone (modified from [239]), b) SEM micrograph of
cancellous rat bone at the distal femoral metaphysis
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For the morphology analysis, the distal femoral metaphysis of rats that did not survive the
implantation were extracted. The complete extracted metaphysis was then carefully laterally
cut with a diamond saw and ground with an abrasive SiC paper of grit size 220 in order to
reach the desired internal cancellous bone structure. The prepared bone samples were stored
in Ringer’s solution for 24 hr at 4°C. Subsequently, the bone samples receive a special
preparation for the SEM analysis (details in section 3.7). The operation procedure and
preparation of the rat bone specimens used for the post-operative biomechanical testing are
described in section 3.6.
3.1.2 Ovine bone
The ovine bones were also obtained from the JLU Gießen. Morphology, compression
behaviour and biomechanical properties after the implantation were studied at the distal
femoral metaphysis (Figure 3.2a). Figure 3.2b shows the structure of the cancellous ovine
bone at the distal femoral metaphysis which is a plate like structure with Tb.Sp. varying from
520 to 7670 µm and a plate thickness of 163 ± 50 µm.
a)

b)

Figure 3.2: a) Position of the extracted ovine bone samples (modified from [240], b) SEM micrograph
of cancellous ovine bone at the distal femoral metaphysis

Cancellous bone samples used for the morphological analysis and compression test were
obtained before the positioning of the implants in the sheep. Cylindrical samples with
diameter of 10 mm and 15 mm in length were harvested from the distal femoral metaphysis of
the sheep (Figure 3.2a). Between the extraction and the testing, the samples were kept frozen
[241] and then they were stored in a Ringer’s solution for approximately 24h at 4°C before
testing. The bone samples used for the morphological analysis were specially prepared for the
SEM studies (details in section 3.7).
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Figure 3.3 shows the schematic of the ovine distal femoral metaphysis with the position of
interest for compression test samples. The samples were extracted perpendicular to the MTD
(Main trabecular direction) which was the position occupied by the implants (Figure 3.3a).
Ovine bone samples were also tested along the MTD to study the behaviour of the bone in the
main stress direction (Figure 3.3b). Main trabecular direction was obtained after analyzing the
cancellous bone structure with a computed tomography (CT) in Access Technology GmbH,
Aachen, Germany and by comparison with corresponding literature [97, 242-244].
Compression test protocol is described in section 3.5.3. The operation procedure and
preparation of the ovine bone specimens used for the post-operative biomechanical testing are
described in section 3.6.
b)

a)

MTD

Compression
samples

MTD

Figure 3.3: a) Lateral schematic of the ovine distal femoral metaphysis with the position of the
compression sample oriented perpendicular to the MTD, b) frontal schematic of the ovine
distal femoral metaphysis with the position of the compression sample oriented along the
MTD

3.1.3 Bovine bones
Bovine cancellous bones were obtained from the University of Portsmouth (UK). Cancellous
bone samples were harvested from fresh bovine iliac crest (Figure 3.4a). Slices of
approximately 19 mm in length were prepared using a diamond saw. Cylinders with a
diameter of 8 mm were then extracted from the iliac crest slices by a milling drill. There was
no preferential orientation of the specimens with respect to the trabecular network. After the
extraction, the bovine bone samples were kept frozen and before testing they were stored in
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a Ringer’s solution for approximately 24h at 4 °C. Cancellous bovine bone at this position is
of rod like structure with a Tb.Sp. of 807 ± 213 µm and a Tb.Th. of 142 ± 35 µm (Figure 3.4
b). These samples were then used for the compression test (section 3.5.3) and the results were
compared with those obtained on the ovine cancellous bone.
b)

a)

Figure 3.4: a) Position of the extracted bovine bone samples (modified from [245], b) SEM
micrograph of cancellous bovine bones at the iliac crest

3.2 Ti-6Al-7Nb material
The material selected for the manufacturing of the porous implants was a Ti-6Al-7Nb (ISO
5832-11) alloy. Table 3.1 shows the chemical analysis of the Ti67 alloy according to the
TIMET Savoie S.A. data specifications.
Table 3.1: Chemical composition of the Ti-6Al-7Nb alloy (weight percent)
Element

Al

Nb

Min

5.50

6.50

Max

6.50

7.50

Fe

Ta

C

O

N

0.25

0.50

0.08

0.20

0.05

Ti67 ingots were hot rolled, annealed at 700°C for 1 hr and cooled at air. Figure 3.5 shows
the microstructure of a Ti67 ingot. The microstructure consisted of fine globular α-grains
(dark areas, average diameter 10 µm) with the β-phase (bright spots) located in α-grain
boundaries at triple junctions.
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Figure 3.5: Globular microstructure of rolled Ti-6Al-7Nb ingot

3.3 Fabrication of the specimens
Ti-6Al-7Nb implants used in this study were manufactured using precision casting at the
Gießerei Institut in the RWTH Aachen University. The samples were fabricated by
reproducing polyurethane templates which possess the desired final geometry of the samples.
The polymer templates were filled with a mould casting slurry (invest Ti-T) based on MgO +
Al2O3 + CaO which was then baked to harden the casting material. During the baking process,
the polymer template was burning out and the subsequently free space left by the template
removal was filled with the Ti-6Al-7Nb melt alloy with a centrifugal casting machine (TiCast
Super R, SelecCast) which is shown in Figure 3.6. The casting machine has a small electricarc furnace that produce a drop of molten metal lying on a skull of solid material, saving the
melt from contaminations of the graphite crucible. While melting the ingot material, the plate
on which the mould was fixed was accelerated to a final velocity of 3000 rpm to assure the
complete filling of the mould. Casting of the Ti67 parts was carried under an inert argon
atmosphere at approx. 250 torr.
a)

b)

Figure 3.6: a) Centrifugal casting machine, b) schematic of the casting chamber
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Technical limitations in the production of Ti67 specimens lead to the fabrication of opencell structures with unsatisfactory porosities and dimensions for the mechanical testing. For
example, the standard DIN 50134 suggests the use of a foam sample with at least 10 pores in
every testing direction of the compression test [246]. In addition, to compare the mechanical
properties of metallic structures with those of the cancellous bones it was desired to have
similar morphology and sample dimensions of bones and foams (8 mm of diameter by 19 mm
in length). Therefore, mechanical response of open-cell structures under monotonic loading
conditions was carried out with 45ppi open-cell AlSi7Mg foam samples. This foam was
precision cast by m-pore GmbH in Dresden, Germany.
3.3.1 Cast Ti-6Al-7Nb plates, grid-shape and sponge samples
Grid-shape samples with dimensions of 13 x 14 x 0.5 mm3, rectangular specimens with
dimensions of 10 x 10 x 1 mm3 and sponge specimens with dimensions of 10 x 30 x 10 mm3
as shown in Figure 3.7 were used for roughness measurement, metallography, corrosion test,
cyclic bending, coating layer analysis and compression test. The three types of samples were
utilized to understand and optimize the surface and mechanical properties of the porous
implants. Grid samples were used as 2D models in order to analyse in detail the behaviour of
the porous materials under localized bending loads. Rectangular samples were used to
observe the effect of the mold material on the surface and microstructure of the cast Ti67
samples as well as to analyse the corrosion properties of this material. Both of these sample
types were used to optimize the pickling and heat treatment processes used to remove the αcase and homogenize the microstructure of the cast samples. Finally, the sponge samples were
used to observe the compression behaviour of the cast open-cell Ti67 structure.
a)

55

Materials and experimental methods
b)

c)

Figure 3.7: a) Grid-shaped specimen, b) plate sample and c) cast Ti67 sponge

3.3.2 Porous Ti-6Al-7Nb implants
Figure 3.8 shows the porous implants used for the rats and sheep operations. Rat implants
were cylinders with external diameter of 3.0±0.2 mm and 3.5±0.3 mm in length (Figure 3.6a).
These cylinders had 4 holes of approx. 1 mm of diameter located on the lateral surface and
interconnected with a fifth hole on the bottom of the implant. The ovine implants were
initially cast with an external diameter of 10.5±1 mm, internal diameter of 8.6±0.4 mm and
12.5±1 mm in length (Figure 3.6b). In order to obtain an externally perfect cylinder, the
specimens were then mechanical milled to a diameter of 9.7 mm. The inner position of the
cylinder consisted of porous structure with cell spacing of 1674±704 µm and strut thickness
of 595±205 µm.
a)

b)

Figure 3.8: a) Rat implant, b) ovine porous implant

3.3.3 Open-cell AlSi7Mg foam
The AlSi7Mg foam was used to study the deformation mechanisms occurring in the
compression test of metallic foams and compared the results with those of the cancellous
bones. This analysis was useful to understand the deformation behaviour of the porous
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Ti-6Al-7Nb implants. Figure 3.9 shows the 45ppi open-cell AlSi7Mg foam (density ρ*≈0.25 g
cm-3, relative density ρr≈11%). The foam samples were cut into cubic shape by using an ATM
Brillant 220 machine and a Buehler grinding system. The samples were then gently ground to
the final dimensions of 8 mm of diameter and 19 mm of length. AlSi7Mg foam exhibit a cell
spacing of 1.783±0.448 mm and a strut thickness of 0.142±0.02 mm.

Figure 3.9: Structure of 45ppi open-cell AlSi7Mg foam

3.4 Microstructure and surface modification
3.4.1 Heat treatment
The cast Ti67 samples were heat treated in order to achieve homogeneous microstructure.
Annealing at 1060°C and 870°C for 1 hr, and aging at 600°C for 4 hr were used to study the
effect of the heat treatments on the mechanical behaviour of the cast Ti67 samples. The
treatments were carried out in a Nabertherm N21/M furnace under inert argon atmosphere.
The effect of the heat treatment on the microstructure of the grid-shaped, rectangular samples
and Ti67 sponge samples were analysed by Vickers hardness testing. The heat treatment
process was combined with an acid milling process with the aim of improving of the ductility
of the cast Ti-6Al-7Nb porous implants.
3.4.2 Pickling process
For this study, cast Ti67 rectangular, grid samples and porous implants were used. The
surfaces of the samples were attacked with acid etching or pickling to remove the brittle αcase. Prior to pickling, the samples were ultrasonically cleaned in ethanol for 10 min to
remove any residues of the investment material from the surface. For the pickling process, an
acid mixture of 70% HNO3 + 10 % HF and distilled water was used inside of an ultrasonic
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cleaning device at a temperature between 30-40°C. The effect of ultrasonic vibration in the
pickling process was registered by a self-designed LabVIEW-based software. This program
measures the open-circuit potential (OCP) between the sample and an Ag/AgCl electrode in
the pickling bath with and without ultrasonic vibration. A gravimetric method was used to
quantify the loss of material during the pickling process. For this purpose the pickling
treatment was stopped every 10 min to measure the mass of the samples with a precision
balance of type Sartorius CP124S having a resolution of 0.1 mg.
3.4.3 Reaction layer coatings
After pickling, the samples were coated with calcium titanate reaction layer at the
Bundesanstalt für Materialforschung und -prüfung (BAM) Berlin. Coatings were used to
observe their effect in the osseointegration process. For this purpose, grid-shaped and plate
samples were coated in different salt baths which are described in Table 3.2. The surface and
thickness of the coatings SBI, SBII, SBIII and SBIV were characterized using SEM. The
performance of the coatings was evaluated using cyclic bending and fretting testing in
Ringer’s solution.
Table 3.2: Chemical composition of the different salt baths studied in this work
Composition [Mol-%]
Ca(NO3)2

NaNO3

KNO3

Temperature
[°C]

SBI

46

27

27

350

SBII

50

50

-

410

SBIII

60

40

-

450

SBIV

75

25

-

510

Code

3.5 Mechanical testing
Mechanical tests were carried out to understand and improve the mechanical properties of the
Ti-6Al-7Nb implants. These tests include:
(1) bending test to analyse the effect of the heat treatments and of removing the α-case in
grid-shaped samples,
(2) cyclic bending and fretting tests combined with corrosion analysis to monitor the coating
layer behaviour on grid-shaped and plate samples and
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(3) compression behaviour analysis of ovine and bovine cancellous bone as well as the Ti67
porous implants and the AlSi7Mg foam.
3.5.1 Monotonic bending
Monotonic bending tests were performed in a self-constructed bending system (Figure 3.10)
in a servohydraulic MTS810 testing machine with a displacement rate of 0.05 mm/sec. This
test was designed to analyse the effect of pickling and heat treatment on the mechanical
properties of the cast Ti67 material. The test was carried out on grid-shaped samples until
they failed. The forces were registered with a ME KD24S (200N) load cell. A distance of 5
mm between the griping system and a sharp indenter was used to assure bending of the grid
sample.

Figure 3.10: Monotonic bending system for grid-shaped samples

3.5.2 Corrosion-cyclic bending analysis of the reaction layer
Mechanical behaviour of the reaction layer was tested by cyclic bending tests in a corrosive
atmosphere. Cyclic bending tests of grid-shaped samples were performed under load control
(-2 to -15 N) at 5 Hz using the ME KD24S load cell.
The reaction layers on the Ti67 samples were analysed during the mechanical tests by
measuring the open-circuit potential (OCP). The OCP signal was monitored by a selfdesigned LabView-based software. This program measured the differential potential between
the sample (working electrode, WE) and an Argenthal Ag/AgCl electrode (reference
electrode, RE) in Ringer’s solution as electrolyte. In order to keep a constant current (0.3 mA)
between the working electrode and the counter electrode (CE, cast Ti67), a Wenking
potentiostat / galvanostat (70 TS1) was used. Figure 3.11 shows the complete corrosion
system used for the cyclic bending test.

59

Materials and experimental methods
To improve the accuracy in the measurement of the OCP, the cable connections of the RE,
CE, and WE were isolated and then the electrodes were carefully positioned following the
suggestion of Leinenbach et al. [141]. The proper positioning of the electrodes reduced the
travelling distance of the ions during the oxidation between the electrodes and therefore
reduces the errors in the measurement of the open-circuit potential.
a)

b)

Figure 3.11: a) Corrosion system used in the cyclic bending, b) detail of the corrosion-testing chamber

3.5.3 Fretting analysis of the reaction layer
The corrosion-cyclic bending analysis of the reaction layers was complemented with a fretting
test to observe the behaviour of the coatings under friction loads. Coated rectangular samples
were fixed in a self designed cyclic friction system (Figure 3.12). The coating of the samples
were fretted with a force of 1.5 N using a titanium sphere with a diameter of 3 mm which was
connected to a ME KD24S (200 N) load cell. The samples were tested for 200 cycles with a
displacement amplitude of ±4 mm and a frequency of 3Hz. After the mechanical tests, the
coating on the samples were analysed by SEM.

Figure 3.12: Fretting system
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3.5.4 Compression test
Ovine and bovine cancellous bones as well as the ovine porous implants and the 45ppi opencell AlSi7Mg foam were used for the compression tests. The AlSi7Mg foam and the bovine
bone samples were tested without any preferential direction. The ovine implant and ovine
bone samples were tested in two directions: parallel and perpendicular to the MTD.
Compression testing was carried out on a MTS 810 servo-hydraulic testing system under
displacement control. The measured mechanical properties were reported to be influenced by
the experimental procedures [72] and the specimen geometry [75, 247]. Hence, efforts were
made to minimize the test variables. Custom-made end-caps were manufactured from
hardened steel. The ends of each cylindrical specimen were then embedded about 3 mm into
the end-caps with acrylic cold mounting resin (DuroCit powder, Struers A/S) to minimise the
end artifacts [247]. A custom-made aligning system was also used to ensure the alignment of
the sample with the loading axis. The length of the cylinders after fixation was approximately
13 mm, thus achieving an aspect ratio of 1.625:1 for the AlSi7Mg foam and bovine bone, a
ratio of 1.3:1 for the ovine bone and a ratio of 1.2:1 for the ovine implants. These aspect ratios
are close to the range of 1.5 to 2 recommended by DIN 50134 [246] for compressive testing
of metallic cellular materials and are not far from the ratio of 2:1 suggested by Keaveny et al.
[247] for testing of bones. Strain measurements were performed using a 15 mm gauge-length
extensometer (Sandner EXA R15-5X) attached to the end-caps [72]. The elastic modulus,
yield stress and ultimate strength were determined. The experimental set-up used for the
mechanical testing is shown in Figure 3.13. Due to the dimensions of the ovine bone and
ovine implant samples, the system in Figure 3.13 was slightly modified with an end-cap
diameter of 10 mm and an end-cap depth of 1 mm.

Figure 3.13: Schematic of the experimental set-up
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Tests were carried out following the test standard for cellular metals (DIN 50134) [246].
Preliminary compression tests were carried out at a constant strain rate of 0.01/s on the foam
(n=5), ovine bone samples (n=3), bovine bone samples (n=5), and ovine implants (n=3) to
assess the mechanical properties, including R20, R70 (20% and 70% of the compressive
strength, respectively) and ultimate compressive strength (σult). The tests were then carried
out at an initial strain rate of 0.001/s starting from a preload of approximately 2% of the σult
until R70 was reached. The load was then reduced until R20 was reached at a strain rate of 1/s.
Finally, the samples were re-loaded from R20 until failure at a strain rate of 0.01/s. The
ultimate compressive strength was defined as the maximum stress reached during the first
cells deformation [248, 249]. The test standard was slightly modified for the testing of bones,
where R40 was used instead of R70. The elastic modulus was measured directly from the
unloading linear stress-strain relationship between R70 (R40 for the bones) and R20. The yield
stress was determined using the 0.2% offset method [68]. For the compression test, 10
samples of bovine bones, 5 samples of ovine bones, 7 samples of the AlSi7Mg foam and 5
samples of the ovine implants were used.
The compressive deformation behaviour and the failure mode of bovine cancellous bone
and AlSi7Mg foam were studied with an in-situ micromechanical loading stage installed in a
3D real time µCT imaging system (CT X-Ray Inspection System, X-Tek Systems Ltd). This
study was carried out at the Mechanical Behaviour of Materials Laboratory of the University
of Portsmouth. Foam and bone samples were step-wise compressed in a novel custom-made
(Deben Ltd, UK) loading stage equipped with a 3 kN load cell inside a µCT chamber (Figure
3.14). The samples (n=4 for each material) were compressed in the loading stage at a constant
strain rate of 0.01/s. The strain was kept constant whilst the samples were µCT imaged at four
points of the stress-strain curve: 0% strain, yield, σult, and at 10% strain (plastically
deformed).

Figure 3.14: µCT system with loading stage
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The scanner settings used in the µCT were 55 kV-130 μA for bovine cancellous bone and
60 kV-140 μA for the AlSi7Mg foam samples. With a voxel size of 15 μm the image
acquisition process was performed at a rotational step of 0.19° over 360°. The 3D
reconstruction of the samples was obtained through VG StudioMax 2.0 software.

3.6 In-vivo investigation
To analyse the biological reactions and biomechanical behaviour of the porous implants in the
cancellous bone, they were implanted in rat, and sheep at the Justus-Liebig-Universität
Gießen, Germany.
3.6.1 Implantation of porous Ti-6Al-7Nb implants in rats
Rats were used to study the osseointegration process of the Ti67 implants in the cancellous
bone at the femoral metaphysis (Figure 3.15a). In total 48 rats were operated and handled
under the recommendation of the regional commission of Gießen with the file number V 54 19 c 20-15 (1) GI 20/14 Nr. 56/2010 under § 8 paragraph 1 of the animal’s protection act
approved on 24.05.2007.
Two rats didn’t survive the operation and therefore were used as reference of bone-implant
interface at zero days. After 30 days, distal femoral metaphysis of 12 rats with their respective
implants (Figure 3.15b) were extracted and used for the in-vitro post-operative biomechanical
test. The rest of the rats were used for histomorphometric analysis at the Labor für
Experimentelle Unfallchirurgie, JLU Gießen.
a)

b)

Figure 3.15: a) Implantation in a rat distal femoral metaphysis, b) extracted bone with implant after 30
days
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3.6.2 Implantation of porous Ti-6Al-7Nb implants in sheep
Sheep were used to study the osseointegration process and the mechanical behavior of the
Ti67 implants in the cancellous bone at the femoral metaphysis (Figure 3.16a) of big animals.
In total 24 sheep were operated and handled under the recommendation of the regional
commission of Darmstadt with the file number V 54 - 19 c 20/15 - F31/31 under § 8
paragraph 1 of the animal’s protection act approved on 18.05.2006.
After 6 months, distal femoral metaphysis of 12 sheep (with ages between 49-95 months)
with their respective implants (Figure 3.16b) were extracted and used for the in-vitro postoperative biomechanical test. The rest of the specimens were used for histomorphometric
analysis at the Labor für Experimentelle Unfallchirurgie, JLU Gießen.
a)

b)

Figure 3.16: a) Implantation in an ovine distal femoral metaphysis, b) extracted bone with implant
after 6 months

3.6.3 Post-operative biomechanical testing
To analyse the mechanical characteristics of the bone-implant interface of rats and sheep a
push-out test was used. The samples used for the push-out test were carefully extracted from
the femur of the rats and sheep and laterally cut with a diamond saw. In order to use the pushout system showed in Figure 3.17a the cut side of the rat bones was carefully ground with an
abrasive SiC paper of grit size 220 until the lower side of the implant was visible. As a
consequence, the flat lower surface of the rat bone was perpendicular to the implant axis.
Finally, the rat implant was perfectly aligned to a push-out indenter which extracts the
implant from the rat bone through the orifice of the holding system platform (Figure 3.17b).
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b)

a)

Figure 3.17: Push-out testing system used to analyse the bone-implant interface a) push-out system
used for the rats, b) Frontal schematic of the push-out test

The push-out system used to study the bone-implant interface of sheep was modified from
that used for the rat experiments. The size of the ovine implants and the manual procedure to
position the implants into the bones resulted in misalignment of the implants inside the bones
during the healing time. Therefore, X-ray analysis was done to observe the position of the
implants in the ovine distal femoral metaphysis before to the push-out test in order to find the
inclination angle of the implants. The X-ray analysis was carried out with a Comet MRX
320/26 equipment with X-ray settings of 50 kV, 5 mA and an exposure time of 3 min. The
experiments

were

performed

at

the

Ingenieurbüro

F.

Braun

(Zerstörungsfreie

Werkstoffprüfungen) Freudenberg, Germany. After measuring this angle in two directions P1
and P2, the samples were perfectly aligned in the direction of the push-out indenter by using a
self made system. Figure 3.18 shows that the push-out system utilized three M5x1 (70 mm in
length) screws to align the implant in the indenter direction.

Figure 3.18: Push-out testing system used to analyse the ovine bone-implant interface (P1 and P2 are
the directions used for the X-ray analysis)
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Push-out test was performed on the MTS 810 system which was equipped with an indenter
of 2.5 mm of diameter for the rat and an indenter of 9.3 mm in diameter for the ovine implant
experiments. The push-out force of the rat-implants interface was measured with a 2 kN load
cell while the push-out force of the ovine-implant interface was measured with a 50 kN load
cell, at a displacement rate of 1 mm/min until the implant was completely removed from the
bone. Force and absorbed energy of the bone-implant interface were registered and compared
with the push-out test of the reference samples (specimens with 0 days of osseointegration).
After the push-out test, the external and the internal surface of the implants were studied
with optical microscope and SEM to analyse the bone ingrowth and osseointegration with the
implants. The extracted ovine implants were cut laterally with a diamond wire saw of type
5237 at a cutting rate of 1 mm/min.

3.7 Morphological and analytical studies
Microstructure of the metallic and bone samples were analysed by using optical and scanning
electron microscopy (SEM). SEM analysis was carried out with a Philips XL 30 equipment.
Microstructure, failure analyses and changes in the surface topography were observed with
secondary electron (SE) and back-scatter electron (BSE) detection in combination with
energy-dispersive X-ray spectroscopy (EDS) and automated electron back-scattered
diffraction (EBSD). A confocal laser microscope model Olympus LEXT OLS 4000 was
utilized to measure the surface roughness of samples.
Prior to SEM analysis, bone samples were ultrasonically cleaned in ethanol at 50°C for 2
hr [250]. Bone marrow, fat and oil of bone samples were removed by compressed air. This
process was repeated 5 times until the soft tissue of the bone was completely removed. The
samples were washed with ethanol and dehydrated 24 hr in a desiccator [251]. In order to
have a conductive surface the dried bone samples were sputtered with gold.
To analyse the organic material without damaging the bone-implant interface after the
push-out test, the samples received a special treatment in the Justus-Liebig-Universität
Gießen, Germany. The bone-implant samples were initially washed with a 0.1 M sodium
phosphate buffer and fixed for 24 hr with 2.5% glutaraldehyde + 1% sucrose. The samples
were again washed in 0.1 M sodium phosphate. Finally, the samples were dehydrated in
ethanol until the critical drying point was reached with a CPD7501 (Thermo VG Scientific).
Metallic samples were ultrasonically cleaned with ethanol for 15 min and then for 5 min in
distilled water. Finally, the samples were completely dried.
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This chapter presents the results obtained from the material analyses, as well as from the
mechanical and biomechanical experiments. Section 4.1 shows the compression properties of
the ovine and bovine cancellous bone. Bovine cancellous bone was used to complement the
understanding of the deformation mechanism that occurs in cancellous bone during
compressive loading conditions. These results are compared with the compression properties
of a ductile metallic foam. The 45ppi open-cell AlSi7Mg foam was selected to be used as
reference for the analysis of the mechanical behaviour of open-cell metallic foam. The
mechanical properties and behaviour of the porous Ti-6Al-7Nb implants have not been
studied until now, and therefore it is necessary to compare these results with a commercial
metallic foam which has a porosity close to the cancellous bones used in this work.
The characterization of the cast Ti-6Al-7Nb material is described in section 4.2. In this
section, special attention is given to the analysis of the microstructure and surface of the
samples. α-Case and other cast defects are analysed and solutions are introduced to improve
the surface condition and mechanical properties of the Ti67 cast samples. In addition, this
section presents the surface and mechanical properties of the Ti67 implants used for the rats
and sheep experimentation. Section 4.3 exhibits the characterization of the calcium titanate
reaction layer used to coat the implants prior to the implantation in the animals. Section 4.4
describes the biomechanical response of the bone-implant interface that was studied with
push-out tests after the euthanasia of the animals.

4.1 Compression behaviour of the cancellous bones and open-cell foam
4.1.1 Compression behaviour of the ovine cancellous bone
Figure 4.1 shows the compression behaviour of the ovine cancellous bone. This bone was
tested in two directions: along the MTD and perpendicular to the MTD in order to observe the
influence of the anisotropy in the mechanical properties of the ovine distal femoral
metaphysis. Figure 4.1a and c exhibit CT analyses of the cancellous bone showing the
orientation of the trabeculae during the compression test while Figure 4.1b and d show the
compression behaviour of the ovine bone tested along and perpendicular to the MTD. The
compressive behavior of the ovine cancellous bone was linear elastic at the beginning of the
compression. The linear elastic behaviour was followed by a brief but significant hardening
period, then by a prolonged softening with considerable reduction of stresses due to
progressive failure of the trabeculae (at a strain between 2 to 4%). For large strains between 567
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7%, a slight increase in the stress was observed also, probably due to the densification process
of the trabeculae.
a)

b)

c)

d)

Figure 4.1: Ovine cancellous bone: a) orientation of the trabeculae along the MTD, b) compression
behaviour along the MTD, c) orientation of the trabeculae perpendicular to the MTD,
d) compression behaviour perpendicular to the MTD

The compressive strength and Young’s modulus of the ovine bone tested along the MTD
are about twice higher than those values of the bone tested perpendicular to the MTD. This
high difference between the two tested directions shows the effect of the anisotropy in the
distal femoral metaphysis. The samples used for these tests were manually extracted,
therefore some deviation from the exact MTD are possible. However, the intention of this
experiment was to show the effect of the bone orientation in the mechanical properties of the
cancellous bone.
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4.1.2 Compression behaviour of the bovine cancellous bone
Figure 4.2a shows the 3D reconstruction of a section of the bovine bone used for the
compression test while Figure 4.2b exhibits the compression behaviour of this bone. These
bone samples were selected from iliac crest where no pronounced anisotropy exists in the
trabecular network. Compressive behaviour and values of the bovine cancellous bone are very
similar to that observed for the ovine bones tested along the MTD. Therefore, this bone was
considered a good candidate to be used as bone model to observe the deformation mechanism
during the in-situ µCT analysis.
a)

b)

Figure 4.2: Bovine cancellous bone: a) 3D reconstruction of a part of the bone used for the
compression test, b) compression behaviour of the cancellous bone

A summary of the mechanical properties of the ovine and bovine bone in term of the
elastic modulus (E), yield stress (σy) and ultimate strength (σult) is presented in Table 4.1.
There are significant higher scatters in the data obtained from the ovine bones, than those
from the bovine bone. The high scatter of the compression values of the ovine bones can be
explained due to the anisotropy of the cancellous bone at the distal femoral metaphysis.
Table 4.1: Mechanical properties of ovine and bovine cancellous bone
Mechanical

Bovine bone

properties

Ovine bone (tested along

Ovine bone (tested

the MTD)

perpendicular to the MTD)

σult in MPa (± SD)

9.36 ± 1.45

10.45 ± 3.46

4.56 ± 2.22

σy in MPa (± SD)

8.02 ± 1.19

9.62 ± 3.06

4.10 ± 1.89

E in MPa (± SD)

800 ± 138

825.33 ± 388.3

385 ± 464
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The plate-like structure of the ovine cancellous bone differs from the structure of the
bovine bone, although both bones show similar compressive values. Due to these similarities
and to the limited ovine bone specimens, the deformation mechanism was analysed in the
bovine bone with an in-situ load stage in a microfocus computed tomography.
Figure 4.3 shows the mechanical response of the bovine trabecular bone with the four
deformation points tested in the in-situ loading stage: a) = 0%, b) = yield, c) = σult and
d) = plastically deformed (approx. 8% strain). The local deformation occurred at these steps
on the trabeculae was examined using the CT 3D reconstructions (Figure 4.4).

Figure 4.3: Mechanical response of the bovine trabecular bone with the four deformation points tested
in the in-situ loading stage

µCT analysis shows that bones deform principally due to bending and buckling (Figure
4.4). The arrows in Figure 4.4 show the evolution of the mechanical deformation of specific
trabeculae at 0% deformation, yield, σult and plastically deformed. As the strains within
trabeculae approach the yield point (Figure 4.4b) of the trabecular structure, bending was
principally observed (see arrows). The bending on the trabeculae was followed by buckling
(Figure 4.4c) producing permanent deformation. During the collapse of the trabeculae a
decrease of the global stress (softening) was observed. After the complete collapse of
trabeculae due to inelastic buckling, the deformation propagated to a neighbouring trabeculae
band producing again a stress increase.
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a)

b)

c)

d)

Figure 4.4: µCT-analysis of the deformation occurring during step-wise compression of the bovine
cancellous bone: a) at 0% stress, b) at yield, c) at maximum stress, d) plastically deformed

4.1.3 Compression behaviour of an open-cell metallic foam
Figure 4.5a shows the 3D reconstruction of a 45ppi open-cell AlSi7Mg foam used for the
compression test, while Figure 4.5b exhibits the compression behaviour of the foam which
possesses a σy of 0.84±0.09 MPa, σult of 1.19±0.09 MPa, and a Young’s modulus of 314±63
MPa.
The stress-strain behaviour of the AlSi7Mg foam (Figure 4.5) appears to be close to that of
the cancellous bones, although the magnitudes of the yield and ultimate stresses are
considerably lower for the foam. The mechanical response of the AlSi7Mg foam shows a
significant range of hardening (up to 3% strain) following the initial elastic response,
followed by “softening” till approx. 8-10% strain.
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a)

b)

Figure 4.5: 45ppi open-cell AlSi7Mg foam: a) 3D reconstruction of a sample used for the compression
test, b) compression behaviour of the foam

Similar to the bovine bones, the deformation mechanism of the AlSi7Mg foam was
analysed with an in-situ loading stage. Figure 4.6 shows the mechanical response of the foam
with the four deformation points tested in the in-situ loading stage: a) = 0%, b) = yield,
c) = σult and d) = plastically deformed (approx. 8% strain).

Figure 4.6: Mechanical response of the 45ppi open-cell AlSi7Mg foam with the four deformation
points tested in the in-situ loading stage

µCT reveals that foams deform by bending in the linear-elastic region and then collapsing
by a combination of buckling and brittle fracture (Figure 4.7). The arrows in Figure 4.7 show
the evolution of the mechanical deformation of specific cell struts at 0% deformation, yield,
σult and plastically deformed. Similar to the bones, AlSi7Mg deforms by bending and
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buckling (arrows in Figure 4.7a-c). Nevertheless, CT reconstructions of the foam after the
stress softening (Figure 4d) show that the cell struts failure is due to both (i) inelastic buckling
and (ii) brittle fracture. That can be explained by the cast properties and the irregular strut
thickness of the AlSi7Mg foam.
a)

b)

c)

d)

i
i

ii

i

ii

Figure 4.7: µCT-analysis of the deformation occurring during step-wise compression of the 45ppi
AlSi7Mg foam: a) at 0% stress, b) at yield, c) at maximum stress, d) plastically deformed

The compressive values of the open-cell foam were lower than those of the cancellous
bone; however both materials exhibit similarities in their compression behaviour and
deformation mechanisms. The results obtained with the cancellous bone and foam samples
are important to understand and compare the mechanical response of these materials with
those of the cast Ti-6Al-7Nb porous implants.

4.2 Characterization of the cast Ti-6Al-7Nb material
Prior to the development and manufacturing of the porous cast Ti67 implants a
characterization of the cast properties of this Ti-alloy was carried out. Small rectangular, gridshaped and foam samples were used.
The study of the cast Ti67 rectangular and grid samples reveals various types of defects
associated with the casting technique and material. Microporosity, inhomogeneous
microstructure, entrapment of residues of the investment materials in the surface and α-case
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were the principal defects observed in the samples. These defects were undesirable as they
could potentially affect the design life of implants. Therefore, careful analysis was carried out
to understand and subsequently eliminate their influence on the mechanical properties of the
samples as much as possible.
4.2.1 Microstructural analysis
Cross sectional analysis of the plates and grid-shaped samples reveals that the sample
microstructures were formed of three layers: the inner bulk microstructure, a coarse acicular
zone and an α-case layer (Figure 4.8).

Figure 4.8: SEM micrograph of a Ti67 cast sample

The external layer was identified as to be α-case with a thickness between 5 µm and 30
µm. This α-case layer was mainly formed by a reaction between the Ti67 alloy and the
aluminium from the investment mold material. To identify the nature of the α-case layer of
the cast TiAl6Nb7 specimen, energy-dispersive X-ray spectroscopy (EDS) and automated
electron back-scattered diffraction (EBSD) studies were used. The EDS measurements
revealed a chemical composition of the α-case layer of approx. 74at.% Ti, 23at.% Al, and
3at.% Nb (Figure 4.9). Additionally, analysis of the crystallographic structure of the surface
layer revealed a fine-grained outer zone of hexagonal Ti3Al corresponding to the α-case layer
(Figure 4.10).
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Figure 4.9: SEM micrograph with two EDS spot analyses of the chemical composition of the α-case
and the coarse acicular zone, respectively, revealing the high Al concentration in the
outermost zone

a)

b)

Ti3Al
Ti67

Figure 4.10: a) SEM micrograph of a cast Ti67sample and b) corresponding EBSD orientation
mapping of the interface between the fine grained α-case layer and the coarse acicular
α+β Ti structure

Underneath the α-case layer, a coarse acicular Widmanstätten microstructure was found.
The acicular zone was having a thickness between 20 µm and 50 µm and consists of α-Ti
laths formed within a β-Ti matrix. The core of the samples which had bulk microstructure
with fine plates follows the acicular layer. The grain size of the bulk microstructure was found
to be 163±54 µm in grid-shaped and plate samples. It was observed that the grain size of
thinner samples was smaller than that of the thicker samples. Due to the reduced thickness of
the grid-shape samples a clear distinction between the bulk microstructure and the acicular
zone was not observable in every sample. That results in the formation of a highly
heterogeneous microstructure in samples with just 2 or three grains in thickness.
The different properties of the α-case layer, the coarse acicular layer and the bulk zone
were confirmed by measuring the Vickers microhardness profile across the sample. The
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results are shown in Figure 4.11. While the microhardness of the α-case was determined to be
about 800 HV, in the bulk microstructure the hardness drops down to about 350 HV.

Figure 4.11: Vickers microhardness vs. distance from the surface in a cast Ti67 specimen

The coarse acicular layer exhibits intermediate hardness value of about 620 HV. This
increase in hardness can be partially attributed to the rapid cooling at the mold surface during
casting ("hardening layer", cf. [252]) or to an increase in the concentration of dissolved
oxygen, which is known to strongly embrittle Ti alloys.
4.2.2 Removal of the α-case
From the measurements and analysis of the α-case, it can be concluded that this layer
comprises approx. 1-5% of the overall cross-sectional area of the specimens. Hence, the αcase mass percentage to be eliminated was estimated as to be 5% of the sample gross mass.
Figure 4.12 exhibits the results of the gravimetric analysis of the mass loss during pickling
of the cast Ti-6Al-7Nb samples in HNO3+HF acid solution assisted by ultrasonic vibration.
The initial cleaning behaviour can be considered as linear, but after 60-70 min of pickling the
slope of the curve decreased. This reduction of the pickling speed can be considered as a
signal of complete α-case elimination. The percentage of mass loss at this point was around
10% of the sample mass. The unexpected high mass loss is due to the additional removal of
investment residues from the casting process.
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Figure 4.12: Gravimetrically measured mass loss during pickling

Surface examination by SEM was carried out in order to observe the progress of pickling
attack. Figure 4.13 shows the specimen surface after four different times of pickling. Figure
4.13d reveals clearly that after 70 min the surface of the sample was completely cleaned. That
supports the gravimetric measurements concerning the complete elimination of α-case after
around 60-70 min of pickling.
a)

b)

c)

d)

Figure 4.13: Specimen surface after: a) 0 min, b) 20 min, c) 40 min, d) 70 min of pickling

Figure 4.14 illustrates the pitting corrosion effect which was the predominant mechanism
of material removal from the samples by pickling. However, one interesting phenomenon that
occurred during pickling was the gradual reduction of the pitting corrosion effect on the
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sample’s surfaces with increasing pickling time. As Figure 4.14a shows, pitting corrosion is
significantly high after 20 min of pickling. However, pitting corrosion marks and cracks are
not acceptable since they act as nuclei for fatigue crack formation leading to premature failure
of the structure. After 40 min in contact with the acid bath the specimen still was highly
affected by pitting corrosion, but as Figure 4.14b shows, the loci of pitting corrosion marks
are replaced by a kind of “worm marks”. These worm marks were growing during the
progress of pickling until they cover the complete surface after around 60-70 min (cf. Figure
4.14c). Unlike to the pitting cracks, the worm marks do not exhibit sharp edges (see figure
4.14d) which can initiate cracks under mechanical loading conditions. Hence, the worm
marks are of significant importance for the improvement of surface characteristics, i.e.,
reduction in surface roughness and elimination of the brittle surface layer.
a)

b)

c)

d)

Figure 4.14: Pitting corrosion after: a) 20 min, b) 40 min, c) 60-70 min of pickling, and d) cross
sectional SEM micrograph after 60-70 min of pickling

Surface roughness analysis was carried out before and after the acid attack. Not-pickled
samples showed maximum roughness values of about Rmax=44.72 µm with an arithmetic
average of the absolute roughness value of approx. Ra=5.47 µm. After 70 min of pickling, the
values dropped to Rmax=8.84 µm with a Ra=1.01 µm.
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4.2.3 Effect of heat treatment and pickling on the mechanical properties of the cast
Ti-6Al-7Nb samples
Grid-shaped samples and Ti67 sponges were analysed before and after the homogenization of
the microstructure by heat treatments. After the heat treatment, the α-case was removed from
the samples. The effect of the homogenization of the microstructure and the removal of the αcase on the mechanical properties of the samples was characterized by compression and
bending tests.
Figure 4.15 shows the compression behaviour of a cast Ti-6Al-7Nb sponge. Because of the
very limited specimen dimensions, the compression test was not performed according to DIN
50134 [246]. Consequently, the results obtained cannot be considered as representative of the
general compression behaviour of the Ti67 sponges. Nevertheless, with these results it was
possible to recognize the critical brittleness of the sponges that needs to be analysed more in
detail. Therefore, further compression-bending tests were focused on the grid-shaped samples.

Figure 4.15: Stress vs. compression curve of Ti67 sponge

The stress vs. compression curve in Figure 4.15 shows that the ultimate compression
strength of the Ti67 sponge is about 8.3 MPa, but once the compression strength is reached,
the compression stress dropped to a value of almost 0 MPa. Subsequently, the stress increased
again, but contrary to other ductile materials, e.g. open-cell AlSi7Mg foam (cf. section 4.1.3),
an obvious stress plateau regime was not observed.
Fracture surface analyses support the observation of brittle behaviour of the Ti67 sponge.
This behaviour was mainly observed in the sections of the cell struts containing α-case. These
sections exhibit cleavage-like fracture of the lamellar microstructure. Figure 4.16 shows a
SEM micrograph representing the fracture surface of a cell strut after compression testing.
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Figure 4.16: SEM micrograph of the fracture surface of a Ti67 sponge after compression testing

The combination of heat treatments to homogenise the microstructure with a removal
process to dissolve the α-case of the samples were considered as suitable means to improve
the mechanical behaviour that was revealed during the compression tests. In order to
eliminate the influence of geometry variations in sponge specimens, grid-shaped samples
produced by an identical casting process were used to study the improvement of the
mechanical properties by heat treatment and pickling processing.
The aim of the heat treatment was the improvement of ductility of the cast material. Heat
treatment results were analysed using hardness tests and compared with the hardness of the
samples without treatment which was approx. 370 HV. Samples after annealing above the βtransus (1060°C) for 1 hr and furnace cooling showed the worst results. Hardness of these
samples was approx. 550 HV. These samples present very brittle behaviour which results in
the failure of the samples during the mounting procedure, consequently the evaluation of the
mechanical strength of the samples treated at 1060°C was impossible.
The brittle behaviour of the grid-shaped samples treated at high temperature can be
explained due to the small thickness of the samples. This dimension may induce the
precipitation of an α-phase that extends through the thickness of the grid-shape and plate
samples. α-Phase forms principally on the grain boundaries that lead to the formation of αphase grains around the reduced α+β colonies. One reason of the formation of this α-phase is
because of the oxygen content of the furnace chamber. Even if the treatment were performed
under argon atmosphere, the system was not completely isolated. That allows small amount of
incoming air that reacts with the Ti67 surface and produces this brittle microstructure. Figure
4.17 shows a cross sectional microstructure of a grid-shaped sample annealed at 1060°C for 1
hr. Samples annealed at 1060°C show a small grain size of 105±23 µm, perhaps due to the
strong α-phase formed around the grain boundaries.
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Figure 4.17: Cross section microstructure of a grid-shaped sample after annealing at 1060°C for 1 hr

Samples aged at 600°C for 4 hr and samples annealed at 870°C for 1 hr show the best
results. Hardness of samples annealed at 870°C was about 320 HV. Aged samples present a
hardness of approx. 340 HV and homogeneous microstructure. Figure 4.18 shows the cross
sectional microstructure of a plate sample which exhibits a grain size of 116±23 µm. The
grain size of the aged samples shows low variation with respect to the grain size after the heat
treatment at 870°C.

Figure 4.18: Microstructure of a cast Ti67 sample aged at 600°C for 4 hr

In order to complement the hardness test, a bending test was used to evaluate the
improvement of the mechanical properties of the grid-shaped sample after the heat treatments.
Before bending the samples were subdivided in two groups: samples of group 1 were aged at
600°C and samples of group 2 were annealed at 870°C. Finally both groups of samples were
acid pickled in order to remove the brittle α-case.
Results of the bending tests are presented in Figure 4.19. Although the samples annealed at
870°C for 1 hr showed the lowest hardness after heat treatment, bending tests showed that
these samples exhibit poor mechanical strength. In Figure 4.19 one can observe that the
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samples aged at 600°C exhibit the best combination of high strength and ductility.
Additionally to the samples aged at 600°C for 4 hr, other samples were aged for 60 hr.
Bending results of these samples show further ductility improvement with aging time, but a
reduction of the strength of the samples was observed. This can be explained by the effect of
oxide layer formation or by the increase of the α-case layer thickness formed during the heat
treatment. Samples with thicker α-case layer suffer from a more pronounced reduction of
thickness after acid cleaning and consequently, they show less strength compared to the
samples aged for 4 hr during bending test.

Figure 4.19: Uniaxial-bending test of heat-treated and acid-cleaned samples

4.2.4 Cast Ti-6Al-7Nb porous implants
Surface properties and morphology of the implants were analysed in detail to understand their
role in the osseointegration process and in the amount of bone tissue growth inside the
implants. The shape of the rat implants can be seen in Figure 4.20. The implants have various
irregularities with respect to shape and surface. These imperfections can be attributed to the
casting technique and to the subsequently pickling process applied to the implants.
a)

b)

Figure 4.20: a) Pickled rat implant, b) surface details of the implant at the border of the implants holes
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The surface of the rat implants show similar roughness as the grid-shape and plate samples
after pickling (Rmax=8.84 µm with a Ra=1.01 µm). However, the borders of the implant holes
show roughnesses of approx. Rmax=26.55±12 µm with a Ra=3.35±1 µm (Figure 4.20b). The
complete external and internal surfaces of the implants were covered by the worm marks
discussed above. They are mainly responsible for the roughness found in the implants. It was
noticed that some regions were mechanically milled or/and ground prior to the pickling
process (Figure 4.20a). These regions did not show any change in the roughness before and
after the chemical milling (Rmax=0.81±0.20 µm with a Ra=0.19±0.13 µm). Therefore, it can be
thought that the surface condition of a sample before pickling affects the final roughness
results. This phenomenon was confirmed by a test in which two samples with different
surface conditions were pickled applying the same procedure. Figure 4.21 shows that the
sample with prior grinding exhibits lower mass loss than the cast sample without any prior
mechanical milling. Additionally, no worm marks in regions that have previously been
ground were found. This result validates the theory that the acid milling is more active in
regions of the sample with α-case than in regions without this layer, e.g. mechanical milled.

Figure 4.21: Gravimetric measurements of the mass loss during pickling of cast Ti67 samples without
any prior mechanical milling and cast Ti67 samples ground with an abrasive paper

The rat implants show a relative density value of ρr=61±4% which is higher than the
maximum ρr commonly accepted for a cellular material (ρr=30%) [209]. The porous implants
exhibit interconnected holes of approx. 1 mm of diameter which are bigger than the
dimensions suggested by Ryan et al. [6] for the optimum porosity in a cellular implant. The
rat cell spacing (Tb.Sp.) of 234±131 µm and a strut thickness (Tb.Th.) of 90±78 µm are also
much smaller than the holes of the implants. Therefore, attention was placed in the post83
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operative biomechanical test to observe the influence of the pore sizes in the bone tissue
ingrowth.
Mechanical tests reveal that rat implants failed at a compressive nominal strength of
184.2±74.4 MPa. This stress is much higher than the ultimate compressive strength found for
the rat cancellous bones (σult=1.82±1.24 MPa) [253]. Due to the small loads applied to the
implants inside the rat femur, no deformation of the implants may be expected.
The Young’s module values of the rat implants are 21.26±5.82 GPa. This value is 334
times higher than the values of the rat cancellous bones (E =63.6±55.1 MPa) [253]. This huge
difference of the values of E between implant and cancellous bone can cause stress-shielding
phenomena if the implants stay inside the bones for a long time [49]. However, the implants
remained into the rat bones only for 30 days; therefore no stress-shielding was expected in the
bone-implant interfaces.
This consideration was taken into account for the further design of the ovine implants.
These implants must stay inside the bone for approx. 6 months. Therefore, the Young’s
modulus of the implants should be reduced by decreasing the relative density of the porous
implants.
Figure 4.22 shows the ovine implant and its final surface condition prior to the coating
process. These implants were mechanically milled to obtain a diameter of 9.7±0.1 mm. This
implant accuracy was suggested by the Labor für Experimentelle Unfallchirurgie, JLU Gießen
in order to reduce the influence of the diameter on the histomorphometric and biomechanical
results. Internal micro-porosities in the surface were exposed after the mechanical milling.
The implants were then pickled to remove the α-case of the internal and struts surfaces. The
external surface of the ovine implants shows no worm mark and consequently no change of
the roughness before and after acid milling (Rmax=0.82±0.17 µm with a Ra=0.17±0.13 µm).
The internal surface of the implants and the surface of the cells and struts show the presence
of worm marks and a roughness similar to that found for the rat implants.
a)

Implant
ring

b)

Internal
porous
structure

Figure 4.22: a) Ovine implant after mechanical and chemical milling, b) cross section of the implant

84

Characterization of the cast Ti-6Al-7Nb material
The internal cellular structure of the implants was developed to improve the bone tissue
ingrowth and osseointegration of the implant. The ovine implants show a relative density
value of ρr=30±1% which is the limit of the ρr commonly accepted for a cellular material
(ρr=30%) [209]. The ovine implants show cell spacing of 1674±704 µm and strut thickness of
595±205 µm while the ovine cancellous bones exhibit a cell spacing of approx. 520-7670 µm
and a plate thickness of 163±50 µm.
The implants were compression tested horizontally (Figure 4.23) because this was the
position that the implants occupied inside the distal femoral metaphyses. Inside the femur, the
implants need to resist the main loads at this position. These results were compared to the
compression analysis of the ovine cancellous bone tested in the MTD. The implants show a
σult=49±6 MPa and an E = 5010±1098 MPa (Figure 4.23). The value of the implant strength is
satisfactory as it is high enough to resist the internal loads of the ovine cancellous bones
(σult=10.45±3.46 MPa and an E=825.33±388.3 MPa). The Young’s modulus of the implants is
23 times lower than the tensile Young’s modulus of the Ti-6Al-7Nb ingot material (116 GPa).
A considerable reduction of the stress-shielding phenomena in the implants-bone interface is
therefore expected.

Figure 4.23: Compression behaviour of an ovine implant

During the compression test it was observed that the stresses were mainly carried by the
external ring of the implants. However, the internal cellular structure of the implant may help
in an internal distribution of the applied loads through the implant.
After the fabrication and properties optimization of the cast Ti67 implant, bioactive
calcium titanate layers for coating the implant surfaces were applied and studied.
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4.3 Characterization of calcium titanate reaction layer
A calcium titanate (CaTiO3) reaction layer was applied to the implant surface to alter the
surface energy and surface composition with the aim of improving the bone-implant interface
properties. In this work, a calcium salt-melt method was used by the BAM, Berlin, for
changing the surface of the Ti67 samples to form a Ca containing surface.
This investigation was carried out with pickled plates and grid-shaped samples which were
coated for 2 hr in a salt bath. Figure 4.24 shows the micrographs of the four coatings
investigated in this work. Coating SBI formed at 350°C was hardly visible. Figure 4.24a
exhibits a fissured layer over the worm marks which was recognized as the Ca-Ti layer by the
EDS examination. The sample coated with SBII (410°C) shows small crystals (Ca-Ti) that
cover discontinuously the surface of the sample (Figure 4.24b). Samples coated with the
SBIII (450°C) show an evident increment in the amount in the Ca-Ti crystals (Figure 4.24c).
These crystals grow in diameter and join with the neighbouring crystals until the complete
surface of the samples was covered. The samples coated with SBIV (510°C) exhibit the
highest concentration of Ca-Ti crystals which extend on the complete surface of the samples
(Figure 4.24d). Some regions with the coating SBIV seem to be oversaturated with the Ca-Ti
crystals.
a)

b)

c)

d)

Figure 4.24: Sample surfaces coated with: a) SBI, b) SBII, c) SBIII and d) SBIV
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Thicknesses of the reaction layers were analysed by a cross sectional examination in the
SEM. To avoid coating spallation during the cross-sectional preparation, each sample was
sputtered with gold, and subsequently a Ni layer was electrochemically deposited. Figure 4.25
shows the cross-sectional microstructures and thicknesses of the reaction layers. SBI shows a
very thin thickness of approx. 5-20 nm. SBII shows a thickness of 516±178 nm. The layer
thickness of the sample with coating SBIII is 1000±420 nm, while the SBIV shows a
thickness of 1200±395 nm. The thicknesses of theses coatings are very similar compared to
those obtained in other work with the same procedure applied to Ti-6Al-4V [254].
a)

Ti67

b)
Ti67
Ca-Ti reaction layer

Ca-Ti reaction layer

Ni Coating

c)

Ni Coating

Ti67

d)
Ti67

Ca-Ti reaction layer

Ca-Ti reaction layer
Ni Coating
Ni Coating
Figure 4.25: Cross-sectional micrograph of the Ca-Ti reaction layer: a) SBI, b) SBII, c) SBIII and
d) SBIV

4.3.1 Corrosion-bending behaviour of the reaction layer
To analyse the behaviour of the reaction layer under similar condition as in the body, coated
grid-shape samples were mechanically tested in Ringer’s solution which is usually utilized as
simulated body fluid. Ringer’s solution has similar corrosive properties than the blood in the
body and therefore it was used as electrolyte for the corrosion test. Corrosion analysis that
involves open-circuit potential (OCP) measurements was used to monitor possible
microdamage in the reaction layers during the bending test.
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Prior to the corrosion-bending test, the open-circuit potential of the uncoated cast Ti67
samples without any load was analysed (Figure 4.26). Voltage increased parabolically from
-600 mV at time 0s to a steady state value due to oxidation. This steady-state was identified as
the passivation of the samples by the formation of a TiO2 layer.

Figure 4.26: Open-circuit potential of a cast Ti67 uncoated sample

Under the discussed conditions, the OCP steady-state of the cast Ti67 samples was reached
at a time of approx. 10 000 seconds with a constant voltage of approx -190 mV. For the
coated samples the passivation voltage varied between -150 mV to -100 mV. This voltage
variation can be attributed to the different chemical composition and amount of the coating on
the surface of the samples.
After finding the passivation voltage and time for the coated samples, they were fixed in
the cyclic bending system. This test was carried out between a maximum load of -2 N and a
minimum load of -15 N at 5 Hz until the grid-shaped samples failed in order to perform the
test under complete compressive loading conditions. Figure 4.27 shows the displacement
response of the grid-shaped samples with a SBIII reaction layer (coated at 450°C for 2 hr).
This behaviour was very similar to that found for the samples coated with the other coating
layers. The results reveal cyclic creep of the sample during the first 200 cycles, and then the
sample shows almost no change in the mechanical response until the failure at ~5000 cycles.
On the basis of the mechanical deformation response, no indication of damage evolution
could be detected.
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Figure 4.27: Cyclic displacement behaviour of a sample coated with SBIII

While the displacement response of the samples was unable to detect any surface damage
e.g. delamination of the coatings, the OCP measurement was found to be more sensitive with
respect to microchanges that occur on the coating layers. Figure 4.28 shows the OCP curves
of the coated samples. Initially, the OCP reaches a steady-state after the passivation process
and keeps this potential until the test was completed or an alteration of the electrochemical
system occurs. A drastic drop of the OCP occurs at failure of the grid samples. That suggests
that bending cracks on the sample surface were created and then they were exposed to the
electrolyte which results in new oxidation at these regions. The drops of the OCP during the
test were often observed in the analysis of the SBIII and SBIV coated samples. Taking into
account that the samples being affected by this behaviour had the thickest and most
homogeneous reaction layers, OCP drops were associated with a probable delamination or
flaking of the reaction layer due the effect of bending load conditions. Consequently,
microstructural examination of the surrounding areas of the bending cracks of all the tested
coated samples were carried out.
a)

b)
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c)

Figure 4.28: OCP curves of the coated samples: a) SBI, b) SBII, c) SBIII and d) SBIV

The fracture analysis of the cyclic-bending samples shown in Figure 4.29 was carried out
in a SEM. While SBI and SBII coated samples exhibited very few delamination near the
cracks, SBIV samples documented a significant loss of the coated layer. The coating
spallation on these samples may be due to delamination of the coating crystals which was
produced by the bending forces applied to the samples. On the other hand, it may be also
possible that the cast Ti67 sample surface (not the coating) have loose small pieces of the
material in the vicinity of the cracks. Consequently, the surrounding coating of these zones
delaminated with these pieces.
a)

b)

c)

d)

Figure 4.29: Micrograph of the coated samples after the cyclic bending test: a) SBI, b) SBII, c) SBIII
and d) SBIV
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4.3.2 Fretting behaviour of the reaction layer
In order to confirm the nature of the behaviour of the coatings during the bending analysis,
fretting tests on the coated samples were carried out. A sphere of CP (commercially pure) Ti
with a diameter of 3 mm was used to compress the coatings with a force of approx. 1.5 N.
After adjusting the test force, the sphere was displaced cyclically with an amplitude of 4 mm.
The aim of this test was to analyse the behaviour of the Ca-Ti crystals in contact with another
surface at very small loads. Every sample was tested for approx. 200 cycles with a frequency
of 3 Hz and then the coatings were analysed using SEM.
Figure 4.30 shows the micrographs of the coating after the friction test where the arrows
represent the direction of the friction test and the discontinued lines correspond to the friction
area. No delamination of the coatings or brittle-failure of the Ca-Ti crystals was observed
after this test. Samples coated with SBII to SBIV exhibit flattened crystals, however no
detachment of the crystal was observed.
a)

b)

σ

σ

c)

d)

σ

σ

Figure 4.30: SEM micrograph of the coatings after the friction test: a) SBI, b) SBII, c) SBIII, d) SBIV

The absence of delamination or spallation during the friction test may support the theory
that the delamination observed during the bending test occurs due to the loosening of small
pieces of the cast Ti67 sample surface and not due to spallation of the reaction layer.
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Because of the superior mechanical and corrosion behaviour of SBI coating and based on
the previous clinical experiences [254], the coating SBI was selected to be used on the rat and
ovine implants. This coating possesses a low thickness and good mechanical properties and is
expected to provide an adequate surface energy and promote osseointegration of the implants.
Additionally, the samples coated with SBI showed the best results during the cell culture
analysis carried out at the Labor für Experimentelle Unfallchirurgie, JLU Gießen. Cell culture
experiments reveal that the maintenance and proliferation of the animal cells on the samples
coated with SBI was superior to that of the samples with other coatings.

4.4 Post-operative biomechanical analysis
To test the biological and osseointegration behaviour of the porous cast Ti-6Al-7Nb implants,
they were implanted in rats and sheep. The aim of these experiments was to analyse the
biocompatibility properties of the cast Ti67 material, the influence of the porous implants on
the osseointegration process and to compare the effect of the coated and the uncoated
implants. For this work, the implants reside for a sufficient predetermined period in the
animals, then they were sacrificed to analyse the osseointegration and the bone ingrowth with
push-out tests and SEM analyses.
4.4.1 Post-operative biomechanical analysis of the rat implants
The implantation was carried out in 12 rats followed by a healing time of 30 days. These rats
were divided in two groups: one group of 6 rats were operated with implants coated with SBI
and the other group of 6 rats were operated with uncoated implants. One animal died directly
after the implantation. Therefore, this specimen was taken as rat with 0 days after the
operation (from now called specimen 0) and used as reference to compare its biomechanical
behaviour with the behaviour of the other rats which recovered for 30 days (details of the rat
operation procedure are presented in appendix A).
Figure 4.31 shows the cross sectional structure of a rat distal femoral methaphysis with the
approximate position of the implants (discontinued line). During the operation, the implants
were positioned in an area which was mostly formed of rod-like cancellous bone. It was
expected that this type of bone will grow around and inside the implants.
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Figure 4.31: Cross sectional structure of a rat distal femoral metaphysis with the approximate position
of the implants

After the euthanasia of the rats, the distal femoral metaphyses with the implants were
extracted from the rats and prepared for the biomechanical test. To evaluate the
osseointegration of the bone-implant a self-designed push-out system was utilized. Figure
4.32 shows the push-out force-displacement behaviour of the coated (Figure 4.32a) and
uncoated implants (Figure 4.34b). The push-out behaviours of both specimen groups were
compared with those of the specimen 0 (discontinued curve).
a)

b)

Figure 4.32: Push-out behaviour of the a) coated rat implants, b) uncoated rat implants

The maximum push-out force, which is the shear load necessary for the bone-implant
interface failure, was analysed. Another value obtained from this test is the absorbed energy
of the bone-implant interface which is measured as the integral of every push-out curve. The
specimen 0 shows a push-out force of 57 N which was very low in comparison with those of
the specimens after 30 healing days. The push-out force of the uncoated implants was 2.5
times higher compared to the specimen 0 (140±14 N) while the push-out force for the coated
implants was 2.8 times higher than the specimen 0 (160±26 N). On the other hand, the
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absorbed energy of the specimen 0 was 28.3 mJ. The absorbed energy of the uncoated
implants was 101±25 mJ (3.6 times higher compared to the specimen 0) while the absorbed
energy of the coated implants was 147±17 mJ (5.2 times higher compared to the specimen 0).
The improvement in the mechanical behaviour of the implants with 30 healing days was
associated to the osseointegration and new bone ingrowth effect. Push-out values of all the
specimens are presented in appendix B.
The coated implants show slightly better biomechanical results than those of the uncoated
implants. It was not clear if the reaction layer plays a relevant role of the improvement in the
osseointegration and in the bone ingrowth. Therefore, SEM was used to analyse the bone
ingrowth and the bone on the implant surfaces. Figure 4.33 shows the micrographs of a coated
and of an uncoated rat implant after the push-out test. The bone marrow and bone fat were
previously eliminated. SEM analysis reveals remains of cancellous bone, dried soft tissue and
residues of amorphous tissue on the surface and inside the implants. Cancellous bone was
principally found inside as well as surrounding the holes of the implants.
a)

σ

b)

σ

Figure 4.33: SEM micrograph of the rat implants after push-out test: a) coated implant, b) uncoated
implant

SEM analysis of coated implants shows higher amount of bone tissue bonded to the
implant surface compared to the uncoated implants. However, the bonded bone was observed
in few regions surrounding the implant holes (Figure 4.33a). Uncoated implants show no
presence of cancellous bone at its external surface, but residues of amorphous bone and
granulation tissue were found in some surface regions (Figure 4.33b).
EDS analysis on the implant surfaces shows amorphous bone apposition which is a
calcium-phosphate component of the mineral bone together with the crystalline apatitic bone
[255]. This amorphous bone was only found in some regions of the implants. No evidence of
bone material was found in the regions with a previous mechanical milling while regions with
higher roughness show evidently higher amount of bone apposition. Interestingly, worm
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marks provide a kind of grooves along which the deposition of amorphous bone follows and
finally these marks help to form clusters of amorphous bone (Figure 4.34).

Figure 4.34: SEM micrograph of the amorphous bone deposited on the worm marks

Inside the holes of the implants, the trabeculae were found deformed in opposite direction
of the push-out test. The trabeculae initially deform by bending and fail principally due to
shear and rupture. Figure 4.35 shows a SEM micrograph of a failed bone trabecula that
exhibits some curvature and damage in the central section of the rod. The end of this trabecula
reveals a torn-like rupture similarly to other trabeculae surrounding it.

Figure 4.35: SEM micrograph of a failed trabeculae located in the holes of the implants

4.4.2 Post-operative biomechanical analysis of the ovine implants
For this work, 12 sheep were operated and received the implants for six months (details in
appendix C). 6 sheep received implants coated with the SBI and 6 sheep receive uncoated
implants.
Similar to the rat experiments, the ovine implants were located in the distal femoral
metaphysis. µ-CT analysis in Figure 4.36 shows that the implants were surrounded by
cancellous bone which has plate-shape structure. The implantation was carried out manually,
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consequently the implants were found at different position of the distal femoral metaphysis.
These positions differed in the amount of cancellous bone surrounding the implants.
Additionally, the manual implantation results in misalignment of the implant. During the
operation, the top side of the implant was positioned in the cortical bone side (external darkest
area on Figure 4.36a and b but some implants were positioned below the cortical bone side.
That permit that cortical bone grows and covers the top of the implant.
a)

b)
Bone
Marrow
Cortical
bone
Cancellous
bone

MTD

MTD

Figure 4.36: µ-CT pictures of the ovine distal femoral metaphysis with implants a) frontal view,
b) lateral view

After the euthanasia of the sheep and preparation of the distal femoral metaphysis with
implants, they were analysed with X-rays in order to find the inclination angle of the
implants. Both lateral and frontal view of each implant were analysed. Figure 4.37 shows an
example of this procedure. After measuring the inclination angle, the samples were perfectly
aligned in the direction of the push-out indenter by using a self made system.
a)

σ

“Cortical side”

83°
“Cancellous side”
b)

σ
78°

Figure 4.37: Example of the inclination angle of the ovine implant: a) lateral position, b) front position
of the push-out system
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All the sheep survived the operation and therefore no specimen “0” was available to study
the improvement of the osseointegration and bone ingrowth with time. The push-out test
results exhibit no considerable difference between the coated and uncoated implants (Figure
4.38). The coated samples show a push-out force of 1419±494 N and an absorbed energy of
3993±2274 mJ while the uncoated samples show similar values with a push-out force of
1362±529 N and an absorbed energy of 3614±1556 mJ.
a)

b)

Figure 4.38: Push-out behaviour of the a) coated ovine implants, b) uncoated ovine implants

Coated and uncoated implants exhibit similar push-out values. However, both groups of
implants show two push-out curves with very low values. Push-out result of sheep #7 (coated
implants) and of sheep #18 (uncoated implants) reveal very low values. A possible
explanation of these low values can be the age of these two animals. At the euthanasia, sheep
#7 was 95 months old and sheep #18 was 86 months old. Both sheep were older than the other
sheep (details in appendix D) and therefore the bone growth activity of the sheep #7 and
sheep #18 might be lower. Another explanation may be that the implants of these animals
occupied a position in the distal femoral metaphysis with reduced amount of cancellous bone.
In this case, less cancellous growth inside the implants is expected and consequently that can
reduce the push-out values.
After the push-out test, the implants were carefully cut along the length and then the fat
and bone marrow were removed in order to examine the bone that grew inside the implants.
Stereoscopy analysis shows no cancellous bone inside the implants of the older sheep (Figure
4.39a) while the implant of a younger sheep shows a high amount of cancellous bone in the
holes and from the “cancellous side” to the top of the implant (Figure 4.39b). The lower side
of the implant was in direct contact with the cancellous bone while the upper side was in
direct contact with the cortical bone. The soft material found at the “cortical section” of the
implant was identified as granulation tissue and rest of cartilaginous tissue (Figure 4.39).
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Figure 4.39: Bone ingrowth in the implants of the sheep a) old sheep #7 (95 months old), b) young
sheep #22 (49 months old)

Figure 4.40 shows the SEM microstructure of the implants of the sheep #5 (58 months old)
and sheep #22 (49 months old) and the main directions where the bone grows inside the
implants. It was found that not only the bone grows from the “cancellous side” but also from
the MTD and through the implant holes. The amount of cancellous bone found in the holes
depends highly on their alignment with respect to the MTD. In the case of the implants with
one of the holes perfectly aligned to the MTD, the highest amount of cancellous bone
ingrowth from this hole through the diameter of the implants was observed. The cancellous
bone found in the boundaries of the hole and in the border of the lower side (cancellous side)
of the implant was thicker than those found inside the implants. Cancellous bone inside the
implants shows a rod-like structure with a trabeculae spacing (Tb.Sp.) of 532±232 µm and a
trabeculae thickness (Tb.Th.) of 120±50 µm (Figure 4.40b and c). These values are lower in
comparison with those found for the plate-like cancellous bone that surrounded the implants.
This indicated that the loads inside the implant are much lower than the loads found at its
external surface.
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Figure 4.40: SEM internal micrograph of the implant: a) sheep #5 and b) sheep #22

The external surface of the implants shows a very limited osseointegration with the
exception of the areas around the holes (Figure 4.41a). This limited osseointegration can be
explained due to mechanical milling applied to these implants before the operation of the
sheep. The consequently reduced roughness is considered prejudicial in the formation of the
bone-implant interface. On the other hand, the internal surface of the implant show high
osseointegration. In the vicinity of the implants, three forms of tissue were found: 1)
cancellous bone, 2) granulation tissue and 3) cartilaginous tissue. Figure 4.41b shows that the
bone with the forms 2 and 3 grows around the surface of the internal struts.
a)
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Figure 4.41: SEM micrograph of the ovine implants after the push-out test: a) external surface of the
implant of the sheep #2, b) surface at the internal implant strut of the sheep #22

The failure mode of the cancellous bone showed in Figure 4.41a was typically found in all
the cancellous bones that grow inside the holes of the implants. However, this cancellous
bone ingrowth was not always found in all the implants. Cancellous bone deforms by bending
and fails by shear at its weakest section and at the regions where the new cancellous bone was
not completely mature. The MTD plays an important role in the cancellous bone ingrowth and
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in the strength of this new cancellous bone. It was noticed that the new cancellous bone
around the implants which grew in direction to the MTD (see Figure 4.36b and Figure 4.41a)
were stronger than the bone located at the opposite site of the implants.
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5 Discussion
This chapter discusses the results observed in chapter 4, with principal focus on:
(1) The compression properties of the ovine and bovine cancellous bone as well as the
behaviour of the 45ppi open-cell AlSi7Mg foam are considered. This section compares
the compressive behaviour of cancellous bones, of the AlSi7Mg foam and the behaviour
of the porous cast Ti-6Al-7Nb implants used in rat and sheep experiments.
(2) the microstructure and surface properties of the Ti-6Al-7Nb material are analysed to
understand their influence on the mechanical behaviour of the porous cast implants. The
influence of the morphology and mechanical properties of the implants in the
osseointegration process are evaluated.
(3) the morphology and mechanical response of the CaTiO3 reaction layer are discussed. The
influence of the reaction layer in the osseointegration and in the formation of the boneimplant interface are analysed in detail.
(4) the osseointegration and the cancellous bone ingrowth in the rat and ovine implants after
the healing process are explained. Surface properties and morphologies of the implants
used in rats and sheep and their effects in the osseointegration process are evaluated as
the base of the results obtained during the push-out tests and morphological analysis.

5.1 Comparison of the mechanical properties of the cancellous bone and open-cell
metallic foam
Cancellous bones and the AlSi7Mg foam exhibited the usual compressive deformation
behaviour observed by Gibson and Ashby in cellular materials [49, 209]. The adoption of a
compression test standard for cellular materials (DIN 50134 [246]) and an appropriate
gripping arrangement (Figure 3.13) have reduced the testing variables, hence more consistent
results in the measured elastic modulus, yield stress and ultimate strength are obtained.
Particular attention was placed on the determination of the elastic modulus. At the initial
loading stage of the test, an increase in stress was observed, which, at first sight, appeared to
be elastic. However, previous works revealed that the stress was only partially reversible, and
some irreversible deformation processes in the cellular structure occurred during the loading
stage [256]. Therefore, the measurement of the elastic modulus was carried out based on the
unloading linear stress–strain relationship between R70 and R20. The use of this standard
permits not only accurate measurements of the Young’s modulus, σy and σult but also an
appropriate identification of the deformation mechanism occurring in these materials.
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The stress–strain behaviour of the bone is shown in Figure 4.1 and 4.2, where linear
behaviour was observed at the beginning of the compression. This was followed by a brief but
significant hardening period, then by a prolonged softening with considerable reduction of
stresses due to progressive failure of the trabeculae. For large strains between 9%–12%, a
slight increase in the stress was observed, probably due to the densification process of the
trabeculae. Similar results have been obtained in previous works [3, 257], in which it was
observed that after the deformation of the first band of trabeculae a plateau of almost constant
stress and a final increasingly steep region occurred.
Ovine cancellous bones at the distal femoral metaphysis present high anisotropy which was
analysed with samples extracted along the MTD and perpendicular to the MTD. Bone grows
in response to mechanical loading [27, 43] and there is substantial evidence that the
trabeculae are oriented in the directions of the main stresses. That was confirmed after
analysing the compression results. Figure 4.1 shows clearly the orientation of the trabeculae
in two opposite directions and their different behaviour under compressive loads. Bones
tested along the MTD show compression values about two times of those values obtained
with bones tested perpendicular to the MTD (Table 4.1). It is well known that the bone
regeneration around an implant is affected by the internal loads and anisotropy of the bone
[34, 53, 85]. Therefore, it is necessary to take into account the position of the implants in the
sheep femur during the implantation, because the main loads in the bone may influence the
results of the bone ingrowth and the formation of the bone-implant interface.
Compression values obtained from the bovine bones were very close to those of the ovine
bones tested at the MTD. The bovine bone samples extracted from the iliac crest show less
anisotropy than the ovine bones at the distal femoral metaphysis. For these reasons and
because of the limited number of ovine bone samples available, the bovine bones were used
as bone model in the study of the deformation mechanism of the cancellous bone in the µCT.
Additionally, the rod-like trabeculae and the homogeneity of the cancellous structure of the
bovine bones provide a structure that is easier to analyse during the in-situ test.
Analysis of the compressive deformation behaviour of the bone samples in the in-situ
device reveals that the trabeculae deform principally due to bending and buckling.
Approaching the ultimate compression strength, the bending on the trabeculae was followed
by buckling producing permanent deformation. Similar observations were made in previous
works at tissue level [258] showing that the predominant deformation mode in bones is
bending, where the trabeculae can be strained in tension even under apparent compressive
loading. Brittle fracture due to the presence of minerals was observed to be dominant in bones
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[259] although the collagen network within the trabeculae may keep the mineral phase
together even at large strains.
The stress–strain curves of the AlSi7Mg foam show a significant range of stress hardening
(up to 3% strain) following the initial elastic response, then “softening” till about 8-10%
strain. This “softening” or reduction of load may be characteristic for this type of alloy, which
is influenced by the manufacturing process. It was observed previously [211] that in cast
AlSi7Mg foams coarse Si and Mg2Si precipitates were present along the grain boundaries.
These precipitates can drastically reduce the effective properties of cell struts and trigger
“brittle” failure. Another factor that may affect the deformation behaviour is the homogeneity
of the foam. Poor homogeneity introduces localised deformation by the formation of
deformation bands leading to cells collapsing. With increasing homogeneity the deformation
of the foam structure becomes more uniform due to the more uniform distribution of the
stresses. The results of current compression tests show that the ductility of the AlSi7Mg foam
studied in this work is superior to that used in a previous study [233]. A possible reason for
this improvement may be the development of advanced casting techniques, which resulted in
not only a more homogeneous foam structure but also better microstructural properties of the
cell struts.
During the deformation analysis of the foam a general trend of buckling was observed.
AlSi7Mg foam deforms by bending in the linear elastic region. When approaching the
ultimate compression strength, the bending on the struts was followed by a combination of
buckling and brittle fracture that results in permanent deformation. The deformation
mechanism observed in the AlSi7Mg foam is very similar to that observed in the cancellous
bone.
Despite the similarities in deformation mechanisms and morphology, the apparent
mechanical responses differ considerably between the foam and the bones. That can be
explained by the differences in the mechanical properties of the base materials as well as their
micro-architecture details. However, the knowledge of these analyses permit to recognize that
metal foams can mimic the mechanical behaviour of the cancellous bone. The processing
route for open-cell metal foams allows the use of base materials with appropriated strength as
well as the optimisation of cell architecture. That was the idea behind this project and
therefore, the Ti-6Al-7Nb alloy which has outstanding biocompatible and mechanical
properties was selected to develop a porous implant that can be used to substitute damaged or
diseased cancellous bones. Compression values of the ovine bones and the deformation
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behaviour exhibited by the bones and the foam reveal the desired values and deformation
behaviours for the Ti67 porous implants in order to permit an optimal substitution of
cancellous bone. The ideal open-cell implant should possess higher strength than the bone
which it substitutes but with a similar Young’s modulus to prevent stress shielding
phenomena. The single pore dimensions should be controlled to stimulate both mineral and
collagen osteointegration. Additionally, an adequate porosity to assure the proper
interconnection between different pores and bone, high corrosion resistance under stress
conditions and good biocompatibility are needed [8].
Previously it was explained that open-cell foams can be considered almost isotropic,
meaning that their structure and their properties have no directionality. That can be considered
as an advantage for the open-cell implants. It was observed in the ovine bone analysis that its
structural anisotropy depends on the ratio and direction of the main stresses, and therefore the
bone shows higher strength in the main trabecular direction (MTD) than perpendicular to that
direction. Open-cell foams do not present this characteristic, permitting the use of foams as
implant in different directions inside the bone without altering the Young’s modulus and
strength of the implant.

5.2 Cast Ti-6Al-7Nb as implant material
5.2.1 Microstructure and mechanical properties of the cast Ti-6Al-7Nb material
Nowadays, the necessity to use implants with very complicated shapes in restorative dentistry
and orthopaedics has increased. In the fabrication of devices with complex shapes that require
great accuracy, methods such as precision casting [164, 176], electron and laser bean melting
[16, 177], powder metallurgy [13], etc. are used.
In this project a precision casting process for the manufacturing of the complex porous
implants was selected. Precision casting has attracted an increasing interest due to the relative
reduction of the overall cost and material. In addition, the mechanical properties of the cast
Ti-alloy implants can be controlled by controlling their microstructures [175].
Titanium alloys are suitable for orthopaedic and load bearing implants. Their
biocompatible and mechanical properties are superior to those of other biomedical alloys.
Between the Ti-alloys, Ti-6Al-4V was the first option considered in this project for the
production of the porous implants due to its excellent corrosion resistance and
biocompatibility. The mechanical properties of this α+β titanium alloy are superior to other
materials and it is therefore one of the most studied and used alloys for orthopaedic implants.
However, long-term performance of this alloy has raised some concerns due to release of
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vanadium to the body. V ions released from the Ti64 alloy were found to create long-term
health problems, such as neuropathy and ostemomalacia [166]. Depending on the
manufacturing process, vanadium can diffuse to the surface of the implant and carried by the
blood [12, 167]. Taking into account that vanadium is toxic both in the elemental state and as
oxide V2O5 in this project it was avoided to use this element[168, 169]. Therefore, the Ti-6Al7Nb alloy was selected for the production of the porous implants. The Ti67 alloy has similar
biocompatible and mechanical properties compared to Ti64. Additionally, the Ti67 alloy has
niobium instead to vanadium to stabilise the β phase which is considered as a vital class
element [10]. Nb has a stabilizing effect on the oxide film of Ti based alloys [170]. The
excellent corrosion resistance is due in part to the formation of Nb rich oxide which is very
stable in the body environment [4].
During the development of the cast porous Ti67 implants it was necessary to investigate
their microstructure and mechanical properties. Therefore, other samples with simple
morphologies such as rectangular and grid-shaped specimens were manufactured and studied.
The analysis of these samples helps in understanding of the microstructure and mechanical
properties of thinner sectioned structures such as cell struts of the implants.
Microstructural analysis and mechanical testing of cast Ti67 samples revealed various
defects associated with the casting process. Many Ti-alloys show defects in the final product
that may be associated to the casting process, such as porosity due to poor filling, shrinkage,
or dissolved gases, chemical segregation and hence non-uniform properties due to the
physical chemistry of solidification, and contamination due to mould-casting interactions.
Previous works have demonstrated that titanium investment casting defects are potentially
affecting the design life of a structure [179, 200].
The microstructure of small cellular, grid-shaped and plate structures of cast Ti-6Al-7Nb
show three different regions: a thin brittle α-case layer, a coarse acicular layer, and the bulk
microstructure consisting of α-laths embedded in primary β-phase. Microhardness analysis
confirmed strong dissimilarities between these three regions. The α-case layer has a hardness
more than twice as high as in the bulk Ti67 material. Therefore, the brittle behaviour
exhibited by the samples during the mechanical testing was associated with the α-case and to
the inhomogeneous internal microstructure.
From several studies, (cf. [189, 260, 261]) it is known that depending on the kind of mold
material the α-case layer in cast Ti structures consists of TiO2 and Ti3Al. EDS analysis reveals
that the Al concentration in the α-case was more than 2.5 times higher than in the bulk
microstructure. Therefore, the higher amount of Al in the α-case layer was attributed to the
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formation of a very brittle intermetallic Ti3Al surface layer resulting from the reaction of the
melt with the mold material. That was confirmed with EBSD analysis (Figure 4.10) which
shows that the α-case layer possesses a fine-grained hexagonal Ti3Al crystallographic
structure. Unlike other reports, no tetragonal TiO2 was identified inside the α-case (cf. [262264]).
The α-case strongly deteriorated the mechanical properties of the materials by promoting
cracks formation under static and cyclic loading conditions. Therefore an aim of this project
was the elimination of the α-case to improve the ductility of the samples. Due to the
morphology and lower thickness of the samples, mechanical milling methods were avoided in
order to reduce risks of damage of the thinner sectioned structures. Hence, the optimal method
to remove this outer layer was by acid milling.
The identification of the nature of the α-case layer permits to select the possible acids
which can react and dissolve it. According to earlier works [198, 265] on α+β titanium alloys
the α-phase is preferentially attacked by HNO3+HF acid solution, while the β-phase, on the
other hand, remains stable. Sittig et al. [265] attributed this effect to a difference in the
electrochemical potential, with the α-phase being more anodic as compared with the β-phase.
Previous reports [9, 17, 19], proposed that the α-case layer is mainly formed by α-phase
components. Based on these considerations, it was expected that the α-case is more rapidly
attacked during pickling than the acicular region. Optimal α-case elimination was obtained
with a mixture of 70% HNO3 +10% HF and distilled water inside an ultrasonic cleaning
device at a temperature between 30-40°C.
The effect of ultrasonic vibration was quantified by measuring the open circuit potential.
Figure 5.1 shows that the voltage of the sample drops to values of -225 mV when the
specimen was in contact with the pickling bath. This potential remains constant until onset of
vibration. Then, the voltage drops to more negative values of around -300 mV. That gives the
impression that the vibration acts like an activator, accelerating the pickling process. The
effect of the vibration helped to eliminate non-metallic residues from the surface of the
specimens and to generate a homogeneous bath acting on the sample’s surfaces.
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Figure 5.1: Open circuit potential of Ti67 submerged in the HNO3+ HF bath

Elimination of the α-case layer shows two principal advantages: improvement of the
ductility and the formation of the worm marks on the surface of the samples. These worm
marks provide the surface with an adequate roughness which was promising for the
osseointegration process of the porous implants. Additionally, these rounded worm marks
substitute sharp cracks on the surface produced in the α-case layer and consequently reduce
the risk of propagation of cracks during external loading.
Section 4.2.2 shows that the full α-case elimination was obtained when the surface of the
sample was completely covered by worm marks. Gravimetric measurement of the mass loss
during pickling (Figure 4.12) shows a decrease of the slope after 60-70 min. The change in
the slope of the mass-loss rate due to pickling as shown in Figure 4.12 can be explained by
the formation of the worm marks: Figure 5.2a illustrates schematically in which way
specimens with strong pitting corrosion exhibit more effective surface area to be attacked as
compared to the specimens fully covered by worm marks (Figure 5.2b). In other words,
samples highly affected by pitting corrosion will lose mass faster than the samples fully
covered by worm marks. That can be explained by the higher surface energy associated with
the sharp cracks of the samples with α-case.
a)

b)

Figure 5.2: Schematic representation of the effective surface for acid attack with a) pitting corrosion
marks and b) worm marks
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The inhomogeneous microstructure of the cast Ti67 samples was analysed in details.
Samples show two types of internal microstructures: (1) the acicular layer formed by colonies
of coarse α and β lamellae or also called Widmanstätten structure [9]. (2) Depending on the
thickness of the samples, the acicular zones was sometimes followed by grains with colonies
formed by fine α and β lamellae or also called martensitic structure [9].
According to previous works [17, 185], the sizes of the acicular layer and bulk
microstructure depend on the kind of investment material, the mold temperature and the
casting volume. For instance, the higher the temperature of the mold and the larger the cast
volume, the thicker is the acicular layer and the coarser are the acicular grains [185]. On the
other hand, the bulk microstructure was found more often in thicker sectioned samples than in
thinner sectioned samples. The grains of the bulk microstructure show similar shape like those
of other cast Ti alloys e.g. Ti-6Al-4V, Ti-5Al-2.5Fe, near α-Ti (IMI 685), etc. [9, 266]. The
grain sizes of the thicker samples were bigger than in the thinner samples. That can be
explained by considering the effect of the cooling rate, since samples with thinner section
experience faster cooling rates than thicker samples.
Microstructures of conventional cast Ti-alloys are composed of parallel α and β lamellae
aligned within one colony which indicates that parallel plates belong to the same Burgers
relationship [184]. The size and the density of α and β lamellae in these colonies as well as the
slip length affect the mechanical properties of the cast part [9, 175]. Additionally, it has been
observed that samples with homogeneous sizes of colonies with fine α and β lamellae are
stronger than microstructures with coarse α and β lamellae. Heat treatments were thought as
the optimal solution to homogenize the microstructure with fine α and β lamellae and
consequently to obtain an improvement in the mechanical properties of the samples. Previous
authors have shown that cooling rate after β heat treatments determinate the colony size [175].
With increasing cooling rate the colony size is decreased (decreasing slip length) and the yield
stress σ0.2 is increased. A drastic increase in yield stress is observed when the colony structure
is changed to a martensitic type of microstructure (slip length and "colony" size equal to the
width of individual plates) [267]. From previous works [175, 267] it is known that the
ductility, showing with increasing cooling rate first also a normal increasing behaviour
(decrease in slip length), passes through a maximum and is then declining drastically at high
cooling rates.
Three heat treatments were applied in his work with the aim to improve the ductility of the
samples. Different from the literature [9], the heat treatment applied at the β phase shows a
detrimental effect on strength and ductility. That can be attributed to the reduced thickness of
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the samples and presence of a small amount of oxygen inside the furnace. The heat treatments
were applied under protective Ar atmosphere, however, some small amount of O2 may cause
reactions with the surface and bulk microstructure of the samples. It has been found that at
high temperatures the local increase in oxygen content in the metal near the surface promotes
the formation of an oxygen-rich Ti hexagonal solid solution which additionally alters the α/β
structure near the surface during cooling to room temperature [190, 267]. This oxygen
contaminated region ranges in thickness from 50 to 2000 µm. Taking into account the small
thickness of the grid-shaped sample (approx. 500 µm) and the cell struts of the Ti67 sponges
(between 300-700 µm), the complete thickness will be consumed by this oxygen-rich
microstructure. That was confirmed with the analysis of the cross sectional microstructure of
a grid-shaped sample after a heat treatment at 1060°C applied for 1 hr (Figure 4.17).
An improvement of the homogenisation of the microstructure was found in the samples
after the heat treatment at 870°C for 1 hr. Nevertheless, an oxygen-rich Ti layer with a
thickness of approx. 30-70 µm was observed. This layer was then removed by acid milling
but the thickness of the samples was reduced considerably. Figure 4.19 shows the effect of
reduced thickness on the sample in terms of lower bending force values than the samples with
aging treatment. A homogeneous microstructure and an improvement of the ductility were
reached by aging the samples at 600°C for 4 hr. The hardness and the bending tests revealed
that the best mechanical response was acquired with samples which were aged for a
prolonged period. Similar work [268] has shown that for α+β titanium alloys, the
strengthening effect of an aging heat treatment is caused by precipitation of fine α-lamellae
into homogenised colonies. Additionally, it was previously observed that homogenous
colonies can induce an improvement of the ductility of cast Ti-alloy samples [267]. Optimal
strength and ductility improvement can be achieved with a recrystallisation process which
involves a combination of deformation and annealing [9]. However, the small dimensions and
complex geometries of the samples do not allow any mechanical deformation of the samples.
The results observed during the microstructural and mechanical analyses reveal that the Ti6Al-7Nb alloy is a difficult material to be used for casting of fine and complex structures such
as sponges and porous implants. The production of an implant with a desired morphology
requires experience and advanced casting techniques which include the use of sophisticated
centrifugal casting machines. That limited the maximum volume of the cast, and therefore
relatively small size implants were manufactured.
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5.2.2 Cast Ti-6Al-7Nb porous implants
Porous Ti67 implants were produced with the aim to reduce the Young’s modulus of the
structure that is in contact with the bone and consequently reduce the stress-shielding effect
on the bone-implant interface. Due to difficulties in the production of open-cell implants it
was not possible to obtain an implant with fully cellular structure and with porosities above
20ppi (20 pores per inch). The implants studied in this work cannot be considered cellular
structures because the relative density (ρr= ρ*/ρs) of the rat implants is ρr=0.61±0.04 while the
relative density of the ovine implants is ρr=0.30±0.01. That is in contrast with the definition of
Gibson and Ashby [209] who considered a true cellular solid as a structure with a relative
density below 0.3. If the relative density is above 0.3, the structure is better thought of as a
solid containing pores. The density of bulk Ti-6Al-7Nb was considered to be 4.52 g/cm3
[269].
The mechanical properties of the porous implants show the effect of their morphology,
exhibiting compression behaviours dissimilar to those found by the cancellous bones and the
AlSi7Mg foam in section 4.1. The stress-strain curves during compression tests of the rat and
ovine implants were linear elastic at the beginning of the compression. The linear elastic
deformation was followed by a brief hardening period and then by a severe softening with a
considerable reduction of the stresses due to drastic failure of the implant structure (at strains
between 1 to 1.5%). Differently to the cancellous bone and aluminium foam, no recovery of
the stress was observed after the softening period, consequently both compression test curves
of rat and ovine implants show no plateau after reaching σult.
The crushing suffered by the implants during the compression test follows the collapse
behaviour of brittle cellular solids (Figure 2.29c) described by Gibson et al. in [3]. It can be
thought that the crushing behaviour of the implant limits the loads that can be applied to them.
On the other hand, the behaviour showed by the cancellous bone and AlSi7Mg can be
described with the cell collapse behaviour that is exhibited by ductile cellular solids (Figure
2.29b) which deform by buckling and fail by plastic yielding. The deformation and failure
mode of the ductile cellular solids was desirable for the cast Ti67 implants in order to mimic
similar deformation behaviour of the cancellous bone under compressive loads.
The desired deformation behaviour during the compression test was not achieved; however
the implants exhibit considerable reduction of their Young’s modulus. Especially, the ovine
implants show a Young’s modulus 23 times lower than the E=116 GPa of bulk Ti67 [269].
That can be considered as an advantage of the ovine implants because its lower E may reduce
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the biomechanical incompatibility that leads to death of bone cells and thus avoid the bone
resorption around the implant that finally leads to implant loosening.
During the compression test it was observed that the main deformation and failure of the
ovine implant occurs at its external ring. The dimensions and morphology of this ring permit
to resist a high strength of 49±6 MPa. The strength of the implant was superior to that
observed by the cast Ti67 sponges in section 4.2.3 which exhibit a σult of approx. 8.3 MPa.
This cast Ti67 sponges had similar cell spacing and strut thickness to those showed by the
internal porous structure of the implants. Therefore, one can suppose that the internal porous
structure of the implant plays a limited role in the mechanical performance of the implant
under compressive loading conditions. However, this internal structure can be useful in the
osseointegration process and in the amount of trabeculae than can ingrow and interconnect
with the implant structure.
The internal structure of the ovine implants shows a cell spacing of 1674±704 µm and a
strut thickness of 595±205 µm. The dimensions of the cell spacing and strut thickness are not
so far from those values of the ovine cancellous bone which exhibits a cell spacing of approx.
520-7670 µm and a plate thickness of 163±50 µm. However, the porosity of the implants is
not even close to the cell spacing in the rage of 50-400 µm suggested by Ryan et al. in order
to optimize the bone ingrowth in the porous implant [6]. Therefore, attention was placed in
the post-operative biomechanical test to observe the influence of the pore sizes in the bone
tissue ingrowth.
The significant features of the rat implants were their pores size and surface properties in
order to test the osseointegration and bone ingrowth at the implants in small animals. Due to
the small dimension of the rat bones it was not possible to generate implants with porosities
close to the cell spacing (234±131 µm) and strut thickness (90±78 µm) found for the rat
cancellous bone. The pores sizes (1 mm) of the rat implants were considered too big, and
therefore a detailed examination was done during the post-operative analysis to observe if the
small rat trabeculae are able to grow inside the pores of the rat implants.
The surface properties of the implants were important in this work for the improvement of
osseointegration process. After the elimination of the α-case and the formation of the worm
marks on the implant surfaces, it was shown that an appropriate roughness may help in the
formation of bony tissue around the implants. Roughness of the rat implant surface was much
better than the surface roughness observed in the ovine implants. Prior to the acid attack the
ovine implants were mechanically milled to obtain an exact cylindrical diameter. Section
4.2.4 describes that previous mechanical milling decreases the effect of pickling process on
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the implant surface and, therefore, reduced the roughness of the surface. The influence of the
surface roughness of an implant in the osseointegration process has not been clearly defined
until now. Therefore, the different roughness of the rat and ovine implants were compared
after the bio-mechanical test.
Titanium and its alloys are considered biotolerant materials which means that their surfaces
have excellent interaction with the surrounding bone tissue and induce the formation of a thin
connective tissue capsule [101]. However, previous authors [4] highly preferred bioactive
materials as they give rise to high integration with surrounding bone. Therefore, the surface of
the implants used in this project was coated with a bioactive material based on CaTiO3.

5.3 Properties of CaTiO3 reaction layer on cast Ti-6Al-7Nb material
The attachment of orthopaedic implants by bone ingrowth or bone apposition has become
increasingly popular as the problem with aseptic loosening of hip and knee arthroplasties has
remained significant. Therefore, cemented (with e.g. PMMA) and uncemented techniques
have been developed to improve the fixation between bone and implants [270]. Amongst the
uncemented techniques, application of coatings on implants was introduced in an effort to
achieve earlier and stronger fixation as compared with uncoated implants.
Implants make the first contact in the bone with their surface, and the specific interactions
between bone and implant surface determine the path and speed of the healing process and the
long-term integration of the bone-implant interface. It is known that the nature of the initial
interface that is developed between an artificial material and the attached tissue determines
the ultimate success or failure of the materials [4]. Tissue-biomaterial compatibility is the
most important issue to be considered for the implant success. In order to achieve high
osseointegration, the surface chemistry, surface topography, surface roughness and mainly the
surface energy of the implants must be improved because they regulate the type and degree of
the interactions that take place at the bone-implant interface [4, 144].
In this project, the surface chemistry of the implants was modified by using calcium
titanate reaction layer. Ca-Ti coating was formed on the surface by immersing the implants in
a salt-bath containing Ca(NO3)2 + NaNO3 and KNO3. The modification of the surface occurs
through partial conversion of the TiO2 surface layer into calcium titanate by reaction with the
calcium ion of the melt. This technique is suitable for implant with complex shapes which
shall remain in the body till death.
The selection of the CaTiO3 coating over a common coating such as hydroxyapatite was
important. Previous authors had shown that thick HA coatings exhibit poor mechanical
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behaviour under cyclic loads producing pores and microcracks inside the coating [157]. As a
result, delamination or loosening of coating fragments occurs which migrate into the joint
space between bone and implant causing third-body wear of the implants surfaces [271-273].
It has been also reported that the delamination of these coatings may generate progressive
inflammatory reactions and bone loss [270, 273] decreasing the pH in this body section until
an acidic level [4]. Acid environments may produce dehydroxylation of the entire HA
reaction layer reducing the coating durability in terms of chemical stability [274].
The performance of calcium titanate coatings has previously been analysed on Ti-6Al-4V
samples [254]. These coatings with thickness between 0.02 to 1.5 µm showed good
apposition in complex geometries and good mechanical properties under cyclic loads.
In order to characterize the coating properties on the implants used in this work, four
different coatings were analysed in grid-shaped and rectangular samples. SBI, SBII, SBIII and
SBIV coatings described in section 4.3 show different morphologies and thickness. The SBI
coating show the lowest thickness and therefore was the most attractive to be used on the
implants. Some researchers have found that thick coatings with inadequate bonding may
induce relative movement of the interfacial zone between the tissue and the implant which
eventually leads to deterioration in function of the reaction layer [275]. On the other hand,
thin reaction layers of several nanometers on titanium alloy surface can give rise to
osteoinduction by proliferation of cells and their differentiation towards bone cells,
revascularisation and eventual gap closing. Ideally, a strong bond is formed between implant
and tissue [276].
The clear dependency of the coating thickness and the Ca-Ti crystals amount with the
temperature of the salt melt follows similar pattern observed in previous work. Ploska et al.
[254] have described that the reaction layer thickness and the calcium content varied with salt
melt composition, temperature and storing time. The layer thickness growth accelerates
primarily with increasing salt melt temperature; however, above 500-510°C it diminished due
to the higher corrosive effect of the salt melt. On the other hand, the effect of the time in the
increase of the calcium content reaches a maximum at 100 to 120 min and then the calcium
content shows no variation.
To select a coating for the rat and ovine implants the four coatings were used in gridshaped and rectangular samples which were then mechanically tested under Ringer’s solution.
The microdamage of the coatings during the cyclic-bending test was monitored with a
corrosion system that measured the open-circuit potential (OCP) using a circuit with three
electrodes. It has been shown that the corrosion potential measurements during mechanical
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testing in quasi-physiological media can reliably indicate the microstructural damage on the
specimen surface [140-142].
In the galvanic series of metals, titanium has a standard potential of -1.63 V which is close
to that of aluminium [9]. Therefore, titanium cannot be considered as intrinsically noble. Yet,
the excellent resistance of titanium to general corrosion in most environments is the result of
the formation of a stable protective surface film, which consists basically of TiO2. This thin
oxide film passivates titanium as long as the integrity of the film is maintained. It has been
observed that even in solutions with low oxygen contents, the TiO2 layer can rebuilt
spontaneously after being damaged [277, 278]. Following the suggestion of previous authors
[141-143], the oxidation was defined as a drop of the OCP while the passivation was defined
as a steady-state of the OCP curve (Figure 4.26).
During the cyclic-bending test, the grid-shaped samples show that the OCP curve suffers
drops from the steady-state condition. These drops were associated with the formation of
cracks and consequently new exposed areas that react immediately with the Ringer’s solution
producing oxidation of these areas. It was expected that a drastic drop appears only at failure
of the samples but in some coated samples alteration of the OCP curve was observed before
the sample failure. These alterations of the OCP were associated with loosening of coating
fragments that leads to oxidation of the exposed areas previously covered by the coating
fragments. Figure 4.28 shows that the samples coated with SBIII and SBIV present more
alterations of OCP than the samples coated with SBI and SBII. Although the meaning of the
drops of the OCP was clear, samples coated with SBIII and SBIV needed to be analysed in
details with other methods.
After the cyclic-bending test, SEM analysis carried out at the areas surrounding the
bending cracks show delamination of some coating fragments (Figure 4.29). This
phenomenon was often observed on the samples coated with SBIII and SBIV. Therefore, one
can link the delaminations observed in the SEM to the drops of the OCP during the cyclic
bending test. The frequent OCP drops and the delamination observed on the coatings SBIII
and SBIV may be explained due to higher stress development in thicker coating that lead to
crack formation. The samples with these coatings exhibit a higher amount of Ca-Ti crystals
on the surface resulting in thicker coatings than that observed on the samples coated with SBI
and SBII. Consequently, delamination of Ca-Ti crystals was more probable on these coating
than on the samples coated with SBI and SBII.
Cyclic bending test and SEM analysis reveal loosening of coating fragments; however, the
nature of these loosening was not clear: On one hand, it is possible that a weak bond between
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the coating and the sample surface generates brittle delaminations of the thicker coating layers
under cyclic loads. On the other hand, the formation of bending cracks could provoke
loosening of pieces of the cast Ti67 material surrounding the bending cracks including the
coatings on the cast Ti67 pieces. A fretting test was used to understand the nature of the
coating loosening observed in the cyclic bending test. This test was used since tribology and
abrasive resistance of a reaction layer used in orthopaedic implants is a very important criteria
for the selection of a biomaterial in artificial joints [279]. It is necessary to avoid flaking or
spallation of the implant surface in order to reduce the risk of inflammatory reactions in the
body.
The deformation of the coatings produced by fretting was analysed to observe possible
surface damage and loosening of the coating material. The fretting test was carried out for a
reduced number of cycles and with a small load (1.5 N) in order to avoid higher load that may
cause the formation of fragments of metals (from the sphere or from the cast Ti67 samples)
that brake off and become trapped between the mating surface causing unwanted wear and
scoring.
The SEM analysis of fretted samples revealed that all the coatings were flattened by the Ti
sphere but no loosening of the coating was observed. That can be considered as a ductile
behaviour of the Ca-Ti coating and as a strong bond between coating and sample.
Consequently, the loosening of the coating fragments during the cyclic bending test was
produced due to the loosening of cast Ti67 pieces in the surrounding areas of the bending
cracks.
Ploska et al. [254] have shown that salt melt temperatures up to 350°C have no significant
influence on the fatigue strength of Ti-6Al-4V which has similar mechanical properties as that
of the Ti-6Al-7Nb. Additionally, cell culture analysis was carried out at the JLU Gießen to
study the in-vitro behaviour of animal cells which were deposited under controlled conditions
on the surface of grid-shaped samples coated with SBI, SBII, SBIII and SBIV. This analysis
shows that the animal cells proliferation and maintenance on the samples coated with SBI was
better that those observed on the samples with other coatings.
Some authors consider that the failure of an implant occurs often at the metal/coating
interface [158, 160], for this reason a reaction layer on a implant muss possesses not only
excellent long-term biocompatibility and chemical stability but also outstanding bond with the
implant to assure the success of the implant in the body [159]. As per the mechanical and
corrosion behaviour of the studied coatings, the coating SBI was selected to be used in the rat
and ovine implants. The low thickness and excellent mechanical properties of the reaction
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layer SBI may contribute to long-term stability of the Ti-6Al-7Nb reducing the risk of
inflammatory reaction by avoiding debonding of the reaction layer. Additionally, is expected
that this coating provides an adequate surface energy and promotes osseointegration with the
implants.

5.4 Biomechanical response of porous Ti-6Al-7Nb implants in animal
experiments
Numerous animal models have become a reliable basis for research on aetiology and
pathogenesis, and they enable scientists to develop new treatment strategies. So far, there has
been no animal model available which can satisfactorily answer the orthopaedic and surgical
questions related to osteosynthesis materials and fracture healing treatments for bones. In this
project rat and sheep were used as models to (1) analyse the biocompatibility properties of the
cast Ti67 implants, (2) to study the influence of the porous structures in the attachment of
implants by bone ingrowth or bone apposition and (3) to evaluate the effect of coatings in the
osseointegration process.
Push-out [117], push-in [116], pull-out [115], and removal torque tests [114] are the most
common methods to evaluate the biomechanical characteristics of osseointegrated implants.
These tests can give an indication of resistance of a bone-implant interface to applied load. To
accomplish the aims of the biomechanical analysis a push-out test was used in this work. The
push-out test was selected, because it permits an uni-axial strength evaluation and a control of
the deformation rate of the bone-implant interface. This test allows an optimal evaluation of
the bone-implant interface considering the morphology of the implant and its anatomical
position in the animal bones. Finally, an accurate analysis of the shear strength without the
interference of the tensile component is possible by using a push-out test. Consequently, it
produces more reliable stress analysis generated at the bone-implant interface [118].
Morphological analyses with optical and scanning electron microscopy were used to obtain
information about the type and extent of osseointegration, the quality of the bone/implant
interface and the structure of the tissue surrounding the implants. It has been seen previously
that the morphological studies together with biomechanical testing can provide complete
information not only about the quality of osseointegration in relation to the different implant
treatments [280, 281] but also the biomechanical characteristics of the bone-implant interface
[116].
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5.4.1 Biomechanical response of porous Ti-6Al-7Nb implants in rats
Rats were chosen as animal model because they are inexpensive and easy to handle.
Particularly their metabolism and healing process are faster than the ones of big animals e.g.
sheep, which permits the use of rats to study the effect of aging on the bone in short periods
[282, 283].
Coated (n=6) and uncoated (n=6) implants were positioned at the distal femoral
metaphysis during the operation of the rats. One rat did not survive the implantation and its
bone with the implant was used as specimen with 0 days of osseointegration. The other 11
specimens recovered for 30 days and then they were sacrificed. The complete distal femoral
metaphysis with its respective implant was extracted and prepared for the push-out test.
Load-displacement curves of the push-out tests exhibited an initial linear behaviour which
corresponds to a quasi-elastic resistance of the bone-implant interface under shear loads. After
the linear elastic behaviour, the push-out curve reached the maximum load (push-out load)
prior to a decrease in the load-displacement curve until the implant was completely removed.
The push-out load was defined as the maximum shear load needed to break the bond between
the implant and the newly formed bone around and inside the implant. After reaching the
push-out load, the decrease of the push-out force was not abrupt and in some cases the stress
decreases very slowly. Abrupt decrease of the push-out load after reaching the maximum load
would indicate a weak bond between bone and implant. In contrast, slow decrease of the
push-out load can be attributed to a strong bond between bone and implant which included
growth of cancellous bone inside the implants. The bone inside the implant deforms by
buckling and fails by combination of shear and rupture.
Previous works conducted with full cylindrical implants in rabbit’s femurs exhibited a
quick decrease of the push-out load after reaching the maximum push-out force [117, 284]. In
these works, bone attachment occurs only on the implant surface and no bone tissue could
grow inside the implants. The maximum push-out load found in these studies is only
influenced by the bone fixed around the implant. In contrast, our test revealed that the pushout values were influenced by the bone fixed around the implants and by the bone that grows
inside the implants.
The area under the push-out curve was considered as the energy absorbed during the pushout test by the bone fixed around and inside the implant. The maximum push-out load and
absorbed energy were the most important values obtained to analyse the biomechanical
characteristics of the bone-implant interface.
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The implant with 0 healing days shows a maximum push-out load of approx. 57 N and an
absorbed energy of 28.3 mJ. The push-out load and absorbed energy were considered as the
minimum values which are related to no osseointegration of the implants. These values
correspond to the friction between the implant and the tight drilling hole generated during the
operation of the rat.
The biomechanical results on the implants of the rats recovered for 30 days were superior
to those of the specimen with 0 days. These results were associated to the osseointegration
and to the new bone that grows inside the implant. The maximum push-out force of
specimens after 30 healing days was about 2.5-2.8 times higher than that of pecimen 0, while
the absorbed energy of the specimens after 30 healing days was approx. 3.6-5.2 times higher
than the absorbed energy of the specimen with 0 healing days.
The push-out values obtained for the coated implants was slightly better than those of the
uncoated implants. Despite the enhanced push-out results of the coated implants in
comparison with those of the uncoated implants, it was not possible to associate this
improvement of the push-out values to the coating influence on the implants. The difference
between the biomechanical values of the coated and uncoated implants was not high enough
to conclude that the CaTiO3 coating on the implant results in an improvement of the
osseointegration process. The values of the push-out tests could be influenced by other factors
such as the roughness, dimensions and the position of the implants inside the distal femoral
metaphysis.
During the analysis of the implants in sections 3.3.2 and 4.2.4 it was observed that the rat
implants used for the biomechanical test had various irregularities in shape and surface. For
example, the variation of the rat implant diameter was 3.0±0.2 mm which was 6.7% of the
average diameter. This value is high considering the small dimension of the rat cancellous
bone (Tb.Sp. of 234±131 µm and Tb.Th. of 90±78 µm). Therefore, this variation of diameter
may be due to the fact that some implants were closer to the bone tissue than others implants
during the operation and consequently the bond between the implant and bone surrounding
might have varied.
Another factor that could influence the biomechanical test results was the different
roughnesses observed on the implant surface. Section 4.2.4 describes that the rat implants
were acid milled prior to the operation and consequently the surface of the implants was
covered by worm marks that results in a surface roughness of Rmax=8.84 µm with a Ra=1.01
µm. Morphological analysis shows the evidence that this roughness is positive for the
osseointegration process, but unfortunately the roughness was not always controllable. The
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effect of pickling is different depending on previous surface treatment (e.g. grinding) and on
different sections of the implant. For example, the roughness near the hole was higher than at
the external surface. Additionally, previous to the pickling process some surface regions
received mechanical milling which decreases the roughness of these areas (Rmax=0.81±0.20
µm with a Ra=0.19±0.13 µm) and therefore the bone apposition on these areas was reduced.
Similar studies confirm that an appropriated roughness (higher than Ra=0.3 µm) increases the
osseointegration of Ti-alloys [115, 285]. The authors of these works concluded that the
roughness of machined surfaces shows the worse osseointegration results while implants
which were sand blasted and fluoride acid etched exhibited the best bone-implants
attachments.
The anatomical position of the implant inside the femur during the operation is another
factor that may contribute in the variation of the push-out results. Figure 4.31 shows the distal
femoral metaphysis with the position of the rat implant (discontinued line) which varied
depending on the manual skills of the surgeon that inserted the implants. The heterogeneous
cancellous bone structure in the distal femoral metaphysis perhaps affected the bone growth
rate around and inside the implants. It can be thought that the thicker trabeculae around the
implant may grow with more difficulty inside holes than the thinner trabeculae. On the other
hand, thicker trabeculae are stronger than thinner trabeculae and therefore it is expected that
the thicker trabeculae that would grow inside the implant holes may improve the bond
between implant and bone, and consequently increase the push-out results.
In order to analyse the osseointegration around and inside the implants, morphological
analyses were carried out. SEM examination after the extraction of the implants revealed bone
apposition on the surface and cancellous bone that grows inside the implants. Figure 4.33
shows that both coated and uncoated implants exhibit residues of bone tissue on the surface
and inside the implant holes. During the preparation of the implants for the SEM analysis,
some bone component such as bone marrow and bone fat were removed from the bone
attached to the implants. Therefore, morphological analysis was focused on the mineral bone
and bony tissue.
Mineral bone consists of two calcium phosphate phases, amorphous and crystalline apatitic
components. The non-apatitic component represents about 40% of the total mineral in mature
bone and an even higher percentage in younger bone [255]. The external surface of the
implants was mostly covered by the remnant of amorphous bone, especially at the regions
with worm marks. Figure 4.34 shows that these marks provide a favourable surface
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morphology for the formation of amorphous bone clusters that may grow and improve the
fixation of the bone-implant interface.
Cancellous bone was observed around the implants and inside their holes. The thickness of
the trabeculae inside the implants varied depending on the anatomical position of the implant
inside the distal femoral metaphysis. Similar results were observed during the
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Unfallchirurgie, JLU Gießen consists of a biopsy of the bone tissue that surrounds and grows
inside the implants. This biopsy was done with a fully automatic computer-linked image
analysis equipment that performs a quantitative measurement and characterization of the bone
tissue surrounding the implants. Figure 5.3a shows the structure of the bone tissue around and
inside a rat implant (black areas) in the distal femoral metaphysis.
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Figure 5.3: Histomorphometric analysis of the rat bone-implant: a) position of the rat implant inside
the rat femur, b) selection of an area of interest (these results are reproduced with
permission of the Laboratorium für Experimentelle Unfallchirurgie, Universität Gießen)

For the histomorphometric analysis an area of interest (red coloured area) which was 100
µm bigger than the external diameter of the implant was selected (Figure 5.3b) in order to
measure the bony tissue percentage. From the total bone material in this area of interest,
26±9.4% correspond to the new bone tissue which grows inside and around the coated
implants, while the new bony tissue percentage of uncoated implants was of 25±3.6%.
The histomorphometric measurements support the results observed during the
biomechanical tests which revealed that the coated implants exhibit a slight improvement in
the push-out results in comparison to the uncoated implants. However, from this small
difference in the values it cannot be assured that the CaTiO3 reaction layer was responsible for
the high osseointegration observed at the coated implants.
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Rat experiments carried out in this works showed that this animal permits faster and
reliable examinations of the osseointegration process that occurs at the cast Ti-6Al-7Nb
porous implants. However, in order to evaluate the biological-mechanical behaviour of Ti67
implants at loads closer to those found in human bones, a large animal model was needed.
5.4.2 Biomechanical response of porous Ti-6Al-7Nb implants in sheep
In order to evaluate the behaviour of the cast Ti67 implants in big animals, sheep were used
because they are docile, easy to handle and house, relatively inexpensive and they are
available in large number [281]. Additionally, previous authors have observed resemblance
between some bones in sheep and human [286, 287].
Coated (n=6) and uncoated (n=6) implants were positioned at the distal femoral
metaphysis during the operation of the sheep. In this study, no animal died during the
implantation, therefore no specimen 0 was available to compare the osseointegration process.
The 12 animals recovered for 6 months and then they were sacrificed. The complete distal
femoral metaphysis with its respective implant was extracted and prepared for the push-out
test.
Before the push-out test, X-ray analysis was carried out at the extracted bones to determine
the inclination angle of the implants inside the ovine femurs. Factors such as the manual
implant positioning and the movement of the animal during the recovery could influence the
alignment of the implant. After the measurement of the inclination angle at two positions of
the bones (P1-lateral view and P2-back view in Figure 3.18), they were fixed and perfectly
aligned with a self designed system. This system permits an accurate test eliminating the
longitudinal and lateral force (Fx and Fy in Figure 5.4) of the push-out load during the test at
the implants.
a)

b)

Figure 5.4: Eliminated force components during the push-out test: a) longitudinal force Fx and
b) lateral force Fy
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Load-displacement curves from push-out analyses of the ovine implant-bone interface
exhibited similar behaviour to that observed during the push-out tests on rat implants. An
initial quasi-elastic response was followed by a maximum push-out load prior to a decrease in
the load-displacement curve until the implants were completely removed. Despite the similar
behaviour, the push-out values obtained on the ovine implants were much higher than those
observed on the rat implants. The higher values observed by the ovine examination are
because of the higher contact area of the ovine implants compared to the rat implant and
because the ovine bone around and inside the implants was stronger than the rat bone.
Coated ovine implants showed slightly higher push-out values in comparison to the
uncoated implants. The slight difference between the values obtained during the push-out
tests cannot be attributed to the effect of the reaction layer in the osseointegration process.
The values of the push-out tests could be influenced by other factors such as sheep age, the
position of the implants inside the distal femoral metaphysis and the amount of cancellous
bone surrounding the implants.
At the euthanasia, the age of the sheep varied from 49 to 95 months. This high variation
could have affected the osseointegration rate and consequently influenced the push-out
values. It is usually considered that in sheep a bone age of one month correspond
approximately to that of one year in human [63]. Additionally, a sheep older than 40 months
possesses mature bones [85] and it might have a reduced capacity to regenerate bone after a
failure. Figure 4.38 shows two specimens with not-satisfactory push-out results. The sheep #7
(95 months old) that received a coated implant showed a maximum load of 473.6 N, while the
sheep #18 (86 months old) that received an uncoated implant showed a maximum push-out
load of 657.5 N. The lower values during the push-out tests were associated with less
osseointegration and bone ingrowth. On the other hand, the highest push-out values were
found in the youngest animals e.g. the push-out on the implant of the sheep #22 (49 months
old) exhibited maximum load of 1752 N while a maximum push-out load of 1845 N was
found for the implant of the sheep #13 (59 months old).
The influence of the age in the osseointegration process is high but it is not the unique
factor that must be considered. The sheep with coated implants #2 (83 months) and #17 (86
months) as well as the sheep with uncoated implant #20 (85 months) reveal push-out forces
close to the average value. The values found on these old animals were considered as
satisfactory. That may indicate that the age was not the only factor that influences the pushout results of the implant in sheep #7 and #18. Other factors that play relevant roles in the
osseointegration is the position of the implant and the amount of cancellous bone surrounding
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the implants. Implant in the sheep #18 was found to be located very close to the bone marrow
and cortical bone region. It is believed that implants located in regions with minimal quantity
of surrounding cancellous bone result in reduced bone ingrowth and consequently low values
in the push-out test can be expected.
Similar studies have been performed in semi-circular disc implants coated with different
titanium porous coatings (porosities of approx. 50-62%) with pore size of about 200-220 µm
[288]. The implants resided in the sheep for 26 weeks, and then they were removed using a
push-out test. The average maximum push-out load of their implants were very similar (1000
to 2000 N) to those observed in our work. The authors of this work interpreted that the high
values of the push-out forces are related to high amount of osseointegration and bone
ingrowth.
Optical and electron microscopy were used to analyse the morphology of the bone fixed to
the implant and to evaluate the role of the internal porous structure of the implants in the
osseointegration process. In order to observe the bone that grows inside the implants, they
were cut along the length, and the bone fat and bone marrow were removed. Morphological
analysis focused on the bone tissue and in the mineral bone revealed remnant of bone material
around and inside the implants. As expected, the extracted implants of the youngest sheep
show a higher amount of mature bone material than in the case of the implants of the oldest
sheep. Figure 4.39b and Figure 4.40 reveal higher amount of cancellous bone on the implants
of the sheep #5 (56 months old) and #22 (49 months old). No cancellous bone was observed
inside and around the implants in the sheep #7 and #18. These implants showed that the
dominant material that grew inside was a soft tissue which was identified as granulation tissue
and rest of cartilage tissue that is a connective tissue which can be found in joint between
bones and that could migrate from articulations to the inner side of the implants. The kind of
bone material found in the implants depends principally of the anatomical position that the
implant occupied inside the distal femoral metaphysis. In others words, the implants
surrounded by a high amount of cancellous bone show more of this bony tissue inside the
implants than the implants located in regions with a small amount of cancellous bone.
Additionally, remnant of amorphous bone was found on the internal surface of the implants
and on the struts. Figures 4.40 and 4.41b show that the mineral bone on implants struts was in
direct interaction with the cancellous and granulation tissue.
Cancellous bone grows inside the implants principally from two directions: (1) from the
underneath side of the implants, which was named cancellous side (Figure 4.37), and (2) from
the implants holes which were aligned to the main trabecular direction (Figure 4.40 and
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4.41a). Figure 4.40 shows that the trabeculae located at the underneath side grow almost to
the middle of the implant with a strut thickness and cell diameter smaller than the cancellous
bone surrounding the implants. Cancellous bone inside the implants shows a rod-like structure
with a trabeculae spacing (Tb.Sp.) of 532±232 µm and a trabeculae thickness (Tb.Th.) of
120±50 µm while the surrounding cancellous bone exhibits a plate like structure with Tb.Sp.
varying from 520 to 7670 µm and a plate thickness of 163 ± 50 µm. Furthermore, the
cancellous bone inside the implants shows random orientation differently to the structure of
the external cancellous bone which was oriented along the MTD. The dissimilarities between
the structure and dimension of the cancellous bone inside and outside the implants may
indicate that the load transfer along the external bone was higher than the load transfer at the
interior of the implant. It is generally accepted that the density of cancellous bone depends on
the magnitude of the stresses that it experiences while the microstructural anisotropy depends
on the ratio and direction of the main stresses [3].
In order to achieve a successful replacement of a bone lost by diseases, an implant must
dissipate forces resulting from load on the prosthesis supported by the implant to underlying
bone [289]. Therefore, the presence of a higher amount of the cancellous bone inside the
implants was unexpected because no load transfer was expected inside the implants. In
section 4.2.4 and 5.2.2 it was described that the deformation of the implants occurs principally
at the implant ring, and the internal porous structure plays a small role in the internal load
distribution. However, the evidence of cancellous bone inside the implants can be interpreted
as the presences of load distribution by the internal structure which promotes the cancellous
bone growth inside the implants. Another explanation of the presence of internal cancellous
bone can be attributed to the presence of the porous structure of the implants which was used
as supporting structure when the trabeculae grow and attach to the implants struts. As
consequence, the newly formed trabeculae use the struts as platform to form other trabeculae.
The external surface of the ovine implants was mechanically milled in order to obtain an
accurate diameter of approximately 9.7 ±0.1 mm. That was done after analysis of the rat
biomechanical results which reveal that the different diameter of the implants could affect the
push-out results and therefore a high scatter in the values could occur. The mechanical milling
was useful to reduce the scatter in the push-out values. However, morphological analysis
shows that the external surface of the implants possessed a limited roughness this resulted in
poor osseointegration. No bone material was found on the external surface after the extraction
of the implants by using push-out test with the exception of the regions surrounding the
implants holes that show residues of cancellous bone.
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It is believed that cancellous bone that grows inside the implant’s holes was principally
responsible for the high push-out values obtained in this work. During the push-out test the
trabeculae fixed to the implant’s holes deform by bending and fail by shear at the weakest
sections and in the regions, where the newly formed bone was not completely mature (Figure
4.41 a). Previous work observed high concentration of von Mises stresses during a push-out
test in the border between bone and external surface of the implants [284]. The bone
surrounding the implant surface yields when the maximum bond strength of the bone–implant
interface is reached following to shear at this section. It is expected that the border of the
holes may create a “guillotine” effect on the surrounding bone during the extraction of the
implants creating high concentration of stresses in this regions.
In addition to the cancellous bone and mineral bone fixed to the implants, cortical bone
was found present at the top of the implants (in the cortical side at the Figure 4.37). During
the preparation of the bone-implant specimens for the biomechanical tests it was necessary to
remove a part of cortical bone that grows above the implants in order to reach the implant.
That was considered as an evidence of the cortical bone growth around and above the
implants. The fast growth of the cortical bone was unexpected taking into account that the
sheep were considered old and that some authors [24] describe the growth of cortical bone as
less active then the cancellous bone.
The results obtained during the biomechanical testing of rats and sheep revealed
outstanding biocompatibility properties of the cast Ti-6Al-7Nb implants. High amount of
mineral and cancellous bone observed on the surface and inside the implants were evidence
that the morphology of the implant plays an important role in the osseointegration process. It
is believed that the amount of bone ingrowth can be enhanced by improving the porosity and
internal morphology of the implants. The cell spacing or pore size and the strut thickness of
the implants were bigger than those of the cancellous bone. Reducing these dimension may
contribute to higher osseointegration especially in bones which suffer a bone disease such as
osteoporosis. Osteporotic bones have a reduced bone mass which results in a reduced bone
growth rate. Therefore, porous implants with higher porosity may contribute to stimulate
more bone ingrowth than implants with lower and inhomogeneous porosities.
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This thesis presents the development, the characterization and the application of cast Ti-6Al7Nb porous implants with respect to repair defects in cancellous bone of rats and sheep. In the
framework of this project, it was aimed at fabricating porous implants with high mechanical
strength to resist the internal loads of both animal cancellous bones. Additionally the implants
should have a relatively low Young’s modulus to prevent stress shielding phenomena which
means a reduction in stress in the remaining bone that usually lead to bone resorption and a
subsequently loosening of the implant. Other important properties of the porous implants are a
controlled cell dimensions to stimulate both mineral and collagen osseointegration, high
porosity to guarantee interconnection between different pores, corrosion resistance under
stress conditions and good biocompatibility.
To identify the mechanical stresses and deformation behaviour that a porous implant
should fulfil in order to substitute cancellous bone, bovine and ovine cancellous bone samples
were compression tested. Ovine and bovine cancellous bone samples were used as model to
understand their mechanical behaviours and the relationship between morphology and
mechanical properties of the bone. In addition, a 45ppi open-cell AlSi7Mg foam was studied
to understand the deformation mechanisms occurring in compression tests of metallic foams
in comparison with those of the cancellous bones and of the Ti-6Al-7Nb porous implants.
MicroCT characterisation and compressive mechanical testing of ovine and bovine cancellous
bone as well as the AlSi7Mg foam indicate that despite the apparent differences in their
respective microstructures and mechanical properties, the deformation behaviour is very
similar in foam and bones, particularly at small strains. This analysis was useful to compare
and to understand the deformation behaviour of the Ti-6Al-7Nb porous implants.
The Ti-6Al-7Nb alloy was selected because of its excellent mechanical and biocompatible
properties which were confirmed by means of in-vivo and in-vitro analysis in rats and sheep.
However, before the use of the cast Ti-6Al-7Nb implants, defects associated to the casting
process such as α-case and heterogeneous microstructure had to be solved to improve the
mechanical properties of the implants.
The cross sectional microstructure of grid-shaped, small cellular and plate structures of
cast Ti-6Al-7Nb show three different regions: a thin brittle α-case layer, a coarse acicular
layer, and the bulk Widmannstätten-type microstructure consisting of α-laths embedded in
primary β-phase. Microhardness analysis confirmed strong dissimilarities between these three
regions. The α-case layer exhibits a more than twice higher hardness than the bulk Ti67
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material. This can be one of the reasons of the relatively brittle response of the cast structures
to mechanical loading.
It was shown that the α-case layer can completely be removed by using a pickling process
in a HNO3+HF solution supported by ultrasonic vibration. Surface analysis and roughness
measurements confirmed that for Ti-6Al-7Nb alloy 60-70 min pickling periods led to a strong
improving of the surface properties not only by removing the brittle α-case layer, but also by a
cleaning effect and by improvement of the surface roughness. These effects are considered as
beneficial for the applicability of cast Ti-6Al-7Nb cellular structures as tailored biomedical
implants since they seem to promote the osseointegration process.
Cast Ti-6Al-7Nb samples show homogeneous microstructures as well as improvement of
the ductility and strength after aging treatment and acid cleaning. Bending test results reveal
that after heat treatment and pickling process grid-shaped samples showed an excellent
combination of strength and ductility.
The surface and porosity of the rat and ovine implants were analysed to understand their
role in the osseointegration process and in the amount of bones tissue that grows inside the
implants. After pickling, rat implants show an optimal roughness that turned out to lead
outstanding osseointegration observed during the biomechanical analysis. Another factor that
affects the osseointegration on the rat implants was their porosity. The porosity of the rat
implant was very low affecting the cancellous bone ingrowth. From the results can be
deduced the recommendations to increase the porosity in order to stimulate higher amount of
cancellous bone ingrowth.
The ovine implants show higher porosity than the rat implants, and it was observed that the
porosity of the ovine implants facilitate the cancellous bone ingrowth. However, improvement
of the porosity is required to improve the osseointegration. Ovine implants exhibit poor
surface roughness produced by mechanical milling which was done to obtain an accurate
external diameter. The low surface roughness of the ovine implants affects the
osseointegration in terms of a low amount of bone attached to the surface of the implants.
Ovine implants were compression tested and the results were compared with those of
cancellous bone and AlSi7Mg foam. The implants show σult=49±6 MPa and a Young’s
modulus of 5010±1098 MPa. The value of the implant strength is satisfactory as it is high
enough to resist the internal loads of the ovine cancellous bones. Moreover, ovine implants
show a Young’s modulus 23 lower than the tensile Young’s modulus of the Ti-6Al-7Nb ingot
material. The deformation behaviour of the ovine implants is different to the deformation
behaviour of the bone and the AlSi7Mg foam. The implants did not show the typical
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deformation behaviour for cellular solids. This can be attributed to the implants design which
consists of a cylindrical ring with lateral holes and an internal open-cell structure. The implant
ring is much stiffer than the inner structure and, therefore, during compression the maximum
stress is carried by the implant ring. After the collapse of the ring, the complete implant fails
resulting in a fast decrease of the stress.
In this project, the surface chemistry of the implants was modified by using calcium
titanate reaction layer with the aim to achieve high osseointegration. CaTiO3 coating was
formed on the surface by immersing the implants in a salt-bath containing Ca(NO3)2 + NaNO3
and KNO3 for 2 hr. In order to characterize the coating properties on the implants, four
different coatings (350°C, 410°C, 450°C, and 510°C) were analysed in grid-shaped and
rectangular samples. The coated samples were tested by fretting and cyclic bending in a
corrosive environment.
Open circuit potential measurements of coated grid-shpaed samples revealed small
delamination-like phenomena during monotonic and cyclic bending tests. In particular, the
samples coated at higher temperature were more affected by this delamination of the reaction
layer. Material loss was observed by the drop of the corrosion potential and by SEM surface
examination near to the bending cracks. However, fretting test with a Ti sphere and
subsequently SEM analysis show no evidence of loosening of the coatings on any sample.
That was considered a consequence of the ductile behaviour of the Ca-Ti coating and a strong
bond between coating and sample. Consequently, the loosening of the coating fragments
during the cyclic bending test was attributed to the loosening of cast Ti-6Al-7Nb pieces in the
surrounding areas of the bending cracks. Considering the mechanical behaviour of the four
coatings and the results of previous investigations, the coating formed at 350°C was selected
for the rat and ovine implants.
The osseointegration process and cancellous bone ingrowth was studied in rats and sheep
with coated and uncoated implants. The cast porous implants remained in the femoral
metaphyses of the animals for a defined healing period: 30 days in rats and 6 months in sheep.
After the period of healing, the implants were extracted by using push-out test. Coated and
uncoated implants showed outstanding biomechanical results in rats and sheep confirming the
excellent biocompatible properties of the Ti-6Al-7Nb alloy and the positive effect of porosity
of these implants in the osseointegration process.
Biomechanical analyses in rats reveal that the osseointegration on the coated implants was
slightly higher than that observed in the uncoated implants. However, the high push-out
values found on the coated implants could not directly be associated to the coating effect. The
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Summary
scatter in push-out values might be affected by the position of the implants inside the femoral
metaphyses, scatter in the rat implant diameter and differences in the surface roughness of the
implants.
No difference between the push-out values of the coated and uncoated ovine implants was
found. The CaTiO3 reaction layer plays a minor role during the osseointegration process.
Push-out values of the coated and uncoated implants show high scatter which was associated
to a combination of factors such as the age differences between the sheep, the inaccurate
positioning of the implants inside the ovine femurs and the different amount of cancellous
bone surrounding the implants.
SEM analysis revealed high amount of cancellous bone inside the implants, particularly
inside the ovine implants. Cancellous bone found inside the ovine implant exhibited smaller
trabeculae spacing and lower trabeculae thickness than the cancellous bone surrounding the
implants. The high amount of cancellous bone inside of some ovine implants was associated
to the internal porous structure of the implants.
The results presented in this thesis are intended to contribute to future selection and
improvement of porous implants based on Ti-6Al-7Nb alloy. In order to improve
osseointegration at the implants and high amount of bone ingrowth, it is recommended to use
implants with higher porosity and to reach a more homogeneous cellular structure.
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Appendices
Appendix A: Information of the rats used for the biomechanical test
Rat-Nr. ZTL-number

Implantation
date

Weight
(g)

Kind of
implant

Time stand of
the implant
(days)

Euthanasia-date

1

2820

04.10.2010

479

coated

30

03.11.2010

2

2821

04.10.2010

477

uncoated

30

03.11.2010

5

2824

04.10.2010

440

coated

30

03.11.2010

6

2825

04.10.2010

525

uncoated

30

03.11.2010

9

2828

04.10.2010

475

coated

30

03.11.2010

10

2829

04.10.2010

443

uncoated

30

03.11.2010

11

2830

04.10.2010

483

coated

0

Deceased during
the implantation

14

2841

04.10.2010

508

uncoated

30

03.11.2010

15

2842

05.10.2010

445

coated

30

04.11.2010

19

2838

05.10.2010

541

uncoated

30

04.11.2010

20

2839

05.10.2010

533

coated

30

04.11.2010

23

2834

05.10.2010

453

uncoated

30

04.11.2010
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Appendices
Appendix B: Push-out results of the rat implants
Rat-Nr.

132

Kind of implant

Push-out force (N)

Absorbed energy (mJ)

1

coated

Damaged during mounting

Damaged during mounting

2

uncoated

143.5

125.1

5

coated

180.4

156.4

6

uncoated

154.5

64.9

9

coated

178.9

145.4

10

uncoated

123.2

124.7

11

coated

57

28.3

14

uncoated

137.6

88.9

15

coated

155.7

161.1

19

uncoated

126.4

84.7

20

coated

124

123.8

23

uncoated

156.3

119.6

Appendices
Appendix C: Information of the sheep used for the biomechanical test
SheepNr.

Implantation
Implant
date

Birthday

Weight
before
implantation
(kg)

Kind of
implant

Standing time
Euthanasiaof the implant
date
(days)

Weight at
euthanasia
(kg)

22

G15

15.07.2011 01.01.2008

87

uncoated

192

23.01.2012

91

9

B1

12.07.2011 23.12.2005

100

coated

195

23.01.2012

107

2

B7

11.07.2011 28.02.2005

95.5

coated

196

23.01.2012

99

7

B8

12.07.2011 02.03.2004

90

coated

195

23.01.2012

97

4

G2

11.07.2011 16.02.2007

87

uncoated

196

23.01.2012

91

1

G14

11.07.2011 06.01.2005

90

uncoated

197

24.01.2012

88

18

G8

14.07.2011 11.12.2004

101

uncoated

194

24.01.2012

104

17

B9

14.07.2011 14.12.2004

111

coated

194

24.01.2012

108

20

G16

14.07.2011 29.12.2004

88

uncoated

194

24.01.2012

86

5

B12

11.07.2011 04.04.2007

87

coated

197

24.01.2012

80

13

B6

13.07.2011 14.02.2007

118

coated

195

24.01.2012

114
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Appendices
Appendix D: Push-out results of the ovine implants
Sheep-Nr.

Kind of
implant

Inclination 1 of the
implant before the
push-out test

Inclination 2 of the
implant before the
push-out test

Push-out force (N)

Absorbed energy
(mJ)

2

coated

12°

4°

1548

1865

5

coated

1°

0°

1430

6393

7

coated

15°

0°

473.6

1387

9

coated

7°

12°

1774

3269

13

coated

0°

1°

1845

6858

17

coated

9°

9°

1445

4186

4

uncoated

7°

6°

1784

2970

18

uncoated

0°

5°

657.5

4012

20

uncoated

6°

14°

1255

1913

22

uncoated

5°

0°

1752

5562

0°

Approx. 1800 N
but the cortical
bone failed before
the bone-implant
interface

No data

1
Damaged
during the
preparation
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uncoated

0°
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