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Chapter 1

Introduction

1.1. Introduction
Metallic biomaterials have been widely used as implant materials under loadbearing conditions [1-3] but they, including Titanium alloys, have higher stiffness
values compared to human bone. This mismatch in stiffness between metallic
implant materials and the surrounding natural bone may lead to stress shielding
and subsequently loosening of the implant [3, 4].
Porous Ti alloys have recently been emerged as implant materials that could
potentially solve this problem. That is because the mechanical properties of these
porous materials are controllable [5, 6]. In addition to this advantage, bone tissue
can grow into the pores, improving the fixation through mechanical interlocking.
Such interconnected porous network also permits body fluid transport, which may
enhance bone ingrowth [7]. Moreover, a large pore space and huge surface area are
available that could be used for improving the performance of the implant through
incorporation of drug delivery agents and coatings. The coatings and/or surface
modifications may have bio-functionalizing and/or anti-microbial properties.
Because of these advantages, there has been growing interest in employing additive
manufacturing (AM) techniques for production of such porous metallic
biomaterials. AM techniques allow for precisely controlled micro-architectures and
the possibility of making patient-specific implants. Since the mechanical properties
of porous biomaterials are dependent on the exact design of their microarchitecture such as the type and dimensions of their repeating unit cell, one could
optimize the distribution of mechanical properties within the implant by combining
different types of micro-architectures within the same implant.
1.2. Research questions and aims
This thesis tries to answer three types of research questions about additively
manufactured porous titanium alloy biomaterials. First, some of the mechanical
aspects of porous titanium biomaterials are studied. Specifically, the thesis tries to
describe some aspects of the mechanical behavior of the bone that is replaced by
porous titanium biomaterials in a murine animal model (Chapter 2). The transfer of
mechanical load through the implant and the fixation plate in the same animal
model is also studied (Chapter 3). In addition, the mechanical properties of a
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specific type of selective laser melted porous titanium biomaterials are studied
including both static and fatigue properties (Chapter 4). Second, different types of
bio-functionalizing surface treatment techniques are applied to improve the
performance of porous titanium biomaterials. The parameters of the surface and
heat treatment techniques are first optimized for the material under study (Chapter
6). The optimized surface treatments are then evaluated in a longitudinal study to
understand which surface treatment shows the best performance in terms of bone
regeneration (Chapter 7). The third type of research questions relates to the effects
of surface treatments on the mechanical properties of the biomaterials (Chapter 5).
The main research questions of the thesis could therefore be summarized as
follows:
- What are the static and fatigue mechanical properties of porous titanium
biomaterials?
- Does porous titanium have appropriate static and fatigue mechanical
properties for bone substitution?
- Does application of surface treatment improve the bone regeneration
performance of porous titanium biomaterials?
- How do the different surface treatment compare in terms of bone
regeneration performance?
- How surface treatment changes the mechanical properties of porous
titanium?
1.3. Thesis outline
Figure 1.1 schematically shows the different chapters of this thesis. The thesis is
composed of six papers (published or submitted) and is organized in the following
order.
Porous titanium
manufactured by
Selective Laser Melting

Surface modification
of porous titanium
(CH 5&6)

Mechanical
properties of rat
bone (CH 2)

Mechanical properties
of porous titanium
(CH 4)

Mechanical behaviour
of surface treated
porous titanium (CH 5)

In vitro and in vivo
evaluation of surface
treated porous titanium
(CH 7)

Performance evaluation
of porous titanium in a
rat defect model (CH 3)

Figure 1.1. A schematic drawing depicting the structure of the thesis.
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First, the thesis tries to answer some of the above-mentioned mechanics-related
research questions in Chapters 2-4. Then, the effects of surface treatments on the
mechanical properties of the biomaterials are studied in Chapter 5. The last two
chapters focus on surface and heat treatment of porous titanium biomaterials.
In Chapter 2, the Digital image Correlation (DIC) technique is used to measure 3D
surface strains during compression testing of rat femora. To find and predict the
onset of fracture, two strain-based fracture criterion are used and compared.
Chapter 3 studies the transfer of mechanical loading in an animal model that is later
(Chapter 7) used for evaluation of the bone regeneration performance of the
biomaterials. Three different types of selective laser melted porous titanium alloy
implants are used for grafting the segmental defect. Micro strain gauges are
mounted on 4 different locations of the fixation plate and implant to measure the
evolution of strain values during the compression testing of the grafted rat femora.
In Chapter 4, the mechanical behavior of a specific type of porous titanium alloy
biomaterials is studied under static and dynamic loading. The effects of porosity on
the fatigue behavior and failure mechanism of the tested biomaterials are also
studied.
The applied bio-functionalizing surface treatments may alter the mechanical
properties of porous titanium biomaterials. Chapter 5 studies how the static and
fatigue properties of porous titanium biomaterials change after application of two
different types of surface treatment techniques.
Chapter 6 focuses on optimization of a third electrochemical surface treatment
technique, namely anodizing, and a subsequent heat treatment. The applied
surface treatment creates a hierarchical oxide layer on the surface of porous
titanium structures. First, the parameters of the anodizing process are optimized for
the biomaterial under study. Then, the effects of the subsequent heat treatment on
the surface features of the biomaterials (TiO2 nanotubes and micro pits) and the
crystal structure of the oxide layers are studied.
In Chapter 7, all three above-mentioned surface treatments are applied to modify
the surface chemistry and nano-topography of porous titanium alloy biomaterials.
The effects of treatments on apatite forming ability, cell attachment, cell
proliferation, osteogenic gene expression, bone regeneration, biomechanical
stability, and bone-biomaterial contact are evaluated using apatite forming ability
test, cell culture assays, and animal experiments.
The thesis ends with a concluding chapter that summarizes the main findings of the
presented studies.
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Chapter 2

Full-field strain measurement and fracture
analysis of rat femora in compression test*

Abstract
There is a growing interest in studying the fracture behavior of bones, primarily due
to the increasing societal burden of osteoporotic fractures. In addition, bone is one
of the most important biological materials whose fracture behavior is not yet well
understood. That is partly due to the fact that bone is a complex hierarchical
material, and exhibits heterogeneous, anisotropic, and viscoelastic mechanical
behavior. Understanding the fracture behavior of such a complex material requires
application of a full-field strain measurement technique. Digital image correlation
(DIC) is a relatively new full-field strain measurement technique that can be used
for measurement of 3D surface strains during mechanical testing of different types
of bones. In this study, we use the DIC technique to measure the surface strains
during compression testing of two groups of rat femora. The first group of femora
was harvested from young animals (12 weeks), while the second group was
harvested from more mature animals (26 weeks). The surface strains are measured
both in the linear range and close to the fracture. Using the measured data, we
assess two strain-based fracture prediction criteria, namely equivalent strain
fracture criterion and fracture limit diagram, to determine whether they can
consistently predict the onset of fracture. The maximum load is measured to be
296±22 N (mean±SD) for young animals and 670±123 N for mature animals. It is
shown that fracture in the vast majority of cases occurs in the area of maximum
tensile strain. The equivalent strain fracture criterion predicts that the fracture
occurs when the equivalent strain reaches 1.04±0.02% (average ± SD) for young
animals and 1.39±0.24% for mature animals. The fracture limit diagram predicts
that the fracture occurs once the sum of major and minor principal surface strains
reaches 0.63±0.23% for young animals and -0.63±0.30% for mature animals. Based
on these numbers and consistency of the criteria with the strain values recorded at
the fracture locations, it is conclude that the equivalent strain fracture criterion
tends to be more consistent between the tested specimens.
*

This chapter published as a scientific paper:
Amin Yavari S, van der Stok J, Weinans H, Zadpoor AA. Full-field strain measurement and
fracture analysis of rat femora in compression test. Journal of Biomechanics 2013;46:1282.
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2.1. Introduction
The societal burden of osteoporotic fracture for the European societies alone is
estimated to be more than €36 billion per year [1]. Moreover, bones may fracture in
several other conditions such as car accidents [2, 3] and sport-related traumas and
injuries [4]. Studying the fracture behavior of bones is therefore of great practical
importance.
Given the practical and fundamental importance of bone fracture, many
researchers have studied the fracture mechanics of bones in a variety of in vitro test
conditions [5-9]. Many of these studies have been performed using small bone
samples, e.g. [10, 11]. The advantage of using small bone samples is that the
mechanical properties are less heterogeneous within the volume of the sample.
This makes strain measurements easier, because the strain can be either assumed
to be uniformly distributed within the sample or can be measured using a few
(micro-) strain gauges.
Traumatic bone fractures often involve long bones, which have high levels of
heterogeneity in distribution of their mechanical properties. In order to study the
fracture behavior of such long bones as femora, one needs to measure strains very
locally. Some studies have used (multiple) strain gauges to measure the local strains
during compression testing of long bones such as femora [12-14]. Even though
strain gauges can provide us with local values of strains, they have some limitations.
First, the number of strain gauges that can be attached to the surface of bones is
limited, meaning that it is not possible to measure the strain values everywhere in
the bone. Second, strain gauges cover a certain area and give the average value of
strain over their covered area. Third, there are certain logistical difficulties
associated with attachment of strain gauges to the surface of cadaveric bone
samples and wiring multiple strain gauges.
Digital image correlation (DIC) is a relatively new strain measurement technique
that uses two digital cameras for continuous capturing of the surface of the bone
samples during mechanical testing. The surface of the samples is covered with a
random speckle pattern. A computer program compares the location of the ink dots
in the speckle pattern that are captured in consecutive time points and calculates
the 3D displacement and strain fields all over the surface. Accuracies of up to 0.01
pixel are reported for DIC strain measurement [15].
DIC and other full-field strain measurement techniques have been used for
measurement of local strains not only in mechanical testing of engineering
materials [16-20] but also in testing of hard [21-26] and soft tissues [27, 28]. Except
for a few studies, e.g. [29, 30], DIC has not been widely used for full-filed strain
measurement in fracture testing of long bones. The 3D surface strains that can be
measured during mechanical testing of long bones is important for understanding
the fracture mechanism of long bones in different physiological and pathological
conditions. Moreover, the measured strains can be used for validation of finite
element models [12, 31-34] that have been developed for accurate prediction of
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fracture load. However, there is currently lack of full-field strain data for validation
of finite element models of human and animal bones.
The purpose of the current study is to use DIC for full-field measurement of 3D
surface strains in the linear elastic range as well as close to the fracture event
during the compression testing of rat femora. The results of the mechanical testing
and strain measurement are used to further explore the fracture mechanism of rat
femora and to find a strain-based fracture criterion that can consistently predict the
onset of the fracture. Two strain-based fracture criteria, namely equivalent strain
fracture criterion and fracture limit diagram, are considered for this purpose.
2.2. Methodology
Two sets of experiments were carried out. In the first experiment, ten complete
right femora were harvested from a relatively young (12 weeks old) population of
male Wistar rats that had participated in an unrelated cancer research. After being
sacrificed during that other project, they were kept in freezer at -20°C for four
weeks. After harvesting, the femora were kept in formaldehyde for 48 hours and
were then switched to phosphate buffered saline (PBS) until the mechanical tests
were carried out. In the second experiment, a similar procedure was used for
harvesting and storing ten femora from a more mature (26 weeks old) population of
rats.
In order to apply the mechanical force more consistently, both proximal and distal
ends of the femora were fixed in cold-cured epoxy resin (Technovit® 4071, Heraeus
Kulzer, Wehrheim, Germany) (Figure 2.1). The surface of all specimens were initially
painted with white paint as background, and subsequently covered with a random
black-ink speckle pattern.

Figure 2.1. A sample specimen fixed in cold-cured epoxy resin and painted with random
speckle pattern.
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The optimal size of the speckle dots is a function of the size of the specimens and
the expected range of strains. Through trial and error, the average size of the
speckle dots was determined such that best correlation coefficient could be
obtained between subsequent images.
The prepared specimens were loaded in compression at a constant deformation
rate of 0.5 mm/min using a Zwick/Roell (20 kN load cell) static test machine. The
loading continued until the specimens fractured, meaning that the load dropped to
less than 20% of the maximum registered load. Two digital cameras (Limess,
Krefeld, Germany) with resolutions of 4 M Pixel were used for capturing the surface
of the specimens during mechanical testing with a frequency of 1 Hz. Once both
cameras are installed at a fixed angle, one needs to calibrate the DIC system using
several calibration boards. Calibration of the DIC system is difficult when the largest
measured dimension is as low as the ones encountered in mechanical testing of rat
femora. Several specimens were used for calibration of the camera system. The
calibration attempts continued until measurement accuracy was better than 0.05
pixel. The displacement and strain fields were determined after completing the
mechanical tests using a commercial 3D program (Vic-3D, Correlated Solutions,
Columbia, USA). Subsequently, the major and minor principal strains ( and )
were calculated using the directional surface strains. Out of the ten available
specimens of the first experiment, five were used during the calibration attempts
and for optimizing the size of the speckle pattern. The samples were carefully
examined and two of them that had developed artifacts during preparation and
testing process were excluded from the analysis. Excluding those samples and the
ones that were used for calibration and optimization purposes, three specimens
yielded reportable results (samples A-C). A similar procedure was used in the
second experiment. Excluding the samples that broke during sample preparation
and handling (two) and the ones that developed artifacts (two), six samples yielded
reportable results (samples D-I).
The aim of many studies on the fracture behavior of bone is development of an
accurate fracture criterion. The fracture criterion can be then used for predicting
the onset of bone fracture in different types of mechanical loading. The fracture
event in hard mineralized tissues such as bone is generally linked to straincontrolled mechanisms [35]. The possibility of measuring the full-field strain
distribution in loaded bone samples using DIC is therefore a good opportunity for
development of fracture criteria. One question central to development of any bone
fracture criterion is: can bone be considered as one single material for the purpose
of developing fracture criteria? It is well established that bone has a very
heterogeneous structure with significant variation in its mechanical properties [36].
The stiffness values are different between different anatomical locations of the
same individual, between different individuals and sexes of the same specie, and
between the different species [37-41]. It is, however, shown that the compressive
and tensile yield strengths are not related to stiffness values [42]. One can therefore
conclude that at least for the same anatomical location of the same specie and the
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same type of loading, it may be possible to talk about one single strain-based
fracture criterion. We explored the idea of using one single fracture criteria for the
three tested samples. Two fracture criteria were used for that purpose, namely
equivalent strain fracture criterion and fracture limit diagram. These two fracture
criteria are often used for predicting the fracture of high strength metal alloys that
exhibit brittle fracture [43]. In equivalent strain fracture criterion, it is assumed that
, reaches a critical value, :
the material fractures once its equivalent strain,
(1)
The equivalent strain is defined based on a certain yield function such as von Mises
yield function. For the von Mises yield strain, the equivalent strain is defined as:
(2)
Where , , and
are the principal strains. The third principal strain, , is
often estimated based on the constant-volume assumption.
The fracture limit diagram assumes that the material fractures once the sum of
major and minor principal strains reaches a critical value, :
(3)
Both above-mentioned criteria were applied to see whether they could consistently
predict the fracture of the tested specimens.
2.3. Results
The maximum forces measured in the first and second experiment were
respectively 296±22 N and 670±123 N (Figures 2.2-5).

a)
b)
Figure 2.2. The maximum forces for the different specimens and the average maximum
force. Subfigure (a) presents the values measured for younger animals while subfigure (b)
presents the same values for more mature animals.
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Figure 2.3. The measured force-displacement curve (left) and distribution of the direction
strain at maximum force for samples (A-C) tested in the current study (a)-(c). White arrows
on “after fracture” subfigures show the location of fracture.

The maximum force measured for more mature animals is therefore more than two
times larger than that measured for younger animals. At the maximum force, the
largest tensile strains in the y direction were measured at the proximal side in the
greater trochanter area (Figures 2.3-5).
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Figure 2.4. The measured force-displacement curve (left) and distribution of the direction
strain at maximum force for samples (D-F) tested in the current study (a)-(c). White arrows
on “after fracture” subfigures show the location of fracture.

For a few samples, only compressive directional stresses were found in the areas for
which DIC-measured strain values were available. The maximum value of directional
strain (y-direction) was always less than 0.80% (Figures 2.3-5), indicating a very
brittle type of fracture. In most specimens, the fracture occurred at the location
where bone was experiencing tensile strain (Figures 2.3-5).
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Figure 2.5. The measured force-displacement curve (left) and distribution of the direction
strain at maximum force for samples (G-I) tested in the current study (a)-(c). White arrows
on “after fracture” subfigures show the location of fracture.

The maximum value of the major principal strain registered on the surface of the
specimens is up to ≈1% (Figures 2.6-8).
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A

a)
B

b)

C

c)
Figure 2.6. The distribution of major principal strain at maximum force (left) and the plot of major
principal strain vs. minor principal strain (right). Subfigures (a)-(c) respectively present the principal
strain plots and strain distribution contours measured for specimens (A)-(C).
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D

a)

E

b)

F

c)
Figure 2.7. The distribution of major principal strain at maximum force (left) and the plot of
major principal strain vs. minor principal strain (right). Subfigures (a)-(c) respectively present the
principal strain plots and strain distribution contours measured for specimens (D)-(F).

Full Field Strain Measurement of Rat Femora with DIC

15

G

a)

H

b)

I

c)
Figure 2.8. The distribution of major principal strain at maximum force (left) and the plot of
major principal strain vs. minor principal strain (right). Subfigures (a)-(c) respectively present the
principal strain plots and strain distribution contours measured for specimens (G)-(I).
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The maximum values of major principal strain do not necessarily occur at the same
location as the maximum values of directional strain occur (compare Figures 2.3-5
with Figures 2.6-8). The plot of the major principal strain vs. minor principal strain
shows that the strain values are spreading over a large area of the plane depending
on their location (Figures 2.6-8). The maximum values of the major principal strain
that were registered close to the fracture zone are identified in the plot. One can
see that the maximum value of the major principal strain within the fracture zone is
in all but one case (sample E) also the maximum value of the major principal strain
throughout the specimen (Figures 2.6-8).
It can be seen (Table 2.1) that the equivalent strain fracture criterion can
consistently predict fracture in all three specimens of the first experiment
).
(
Table 2.1. The values of major and minor principal strains measured in the fracture zone of specimens
A-C (younger animals). The values of the equivalent strain are also presented. All the values are
presented for the point in the fracture zone that exhibits highest value of major principal strain.

specimen
A
B
C
average
standard deviation

(%)

(%)

1.01
1.00
0.96
0.99
0.02

+

(%)

-0.71
-0.18
-0.19
-0.36
0.25

1.04
1.07
1.02
1.04
0.02

0.31
0.83
0.77
0.63
0.23

The fracture limit diagram is less successful in consistent prediction of the onset of
). In
fracture in the specimens of the first experiment (Table 2.1,
the second experiment (Table 2.2), the standard deviation of the equivalent strain
fracture criterion (0.24) is slightly less than that of the fracture limit diagram (0.30).
Table 2.2. The values of major and minor principal strains measured in the fracture zone of specimens
D-I (more mature animals). The values of the equivalent strain are also presented. All the values are
presented for the point in the fracture zone that exhibits highest value of major principal strain.

Specimen
D
E
F
G
H
I
Average
Standard deviation

(%)
0.49
0.93
1.13
0.53
0.41
0.83
0.72
0.29

(%)
-1.37
-1.38
-1.47
-1.67
-0.97
-1.33
-1.37
0.23

(%)
1.39
1.41
1.54
1.71
0.97
1.34
1.39
0.24

+
-0.88
-0.45
-0.34
-1.14
-0.56
-0.50
-0.65
0.30

The average values of the critical equivalent fracture strain increase from 1.04%
(Table 2.1) for the younger animals to 1.39% (Table 2.2) for the more mature
animals. However, the average value of the critical strain in the fracture limit
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diagram decreases from 0.63% to -0.65%, showing that this fracture criterion is very
much influenced by the minor principal strain for more mature animals.
2.4. Discussions
The tested specimens exhibited a very brittle fracture behavior that is typical of
bone. The measured pattern of strain distribution (directional strain, Figures 2.3-5)
was quite consistent between the samples. The highest tensile strains were
measured in the greater trochanter area (lateral side of the femur) while highest
compressive strains were measured in the mid-diaphysis on the medial side of the
femur. The absolute value of the maximum compressive strain is at least as large as
maximum tensile strain, if any (Figures 2.3-5). In several specimens, the maximum
compressive strain is much larger than the maximum tensile strain. Nevertheless,
the fracture still occurs in the area of maximum tensile strain (if any). The fracture
occurs in the area with maximum tensile strain, because tension facilitates crack
propagation and the fracture of bone. Moreover, it has been previously shown that
the stiffness [44] and strength [42] of bones are lower in tension as compared to
compression.
Both maximum force (Figure 2.2) and critical equivalent fracture strain (Tables 2.12) show that the mechanical properties of bone are higher for more mature
animals. This is in line with the findings of other studies that show the mechanical
properties of bone in murine animal models increases up to 20 weeks of age [45].
The equivalent strain fracture criterion can more or less consistently (SD= 0.02% for
young animals and SD=0.24% for more mature animals) predict the onset of
fracture in all tested samples. The standard deviation of the equivalent fracture
strain is much lower for the specimens of the first experiment as compared to those
of the second experiment. However, the number of specimens is limited in the first
experiment. The fracture limit diagram shows in general less consistency in its
prediction because of two reasons. First, the standard deviations are somewhat
higher for this fracture criterion as compared to the equivalent strain fracture
criterion (Tables 2.1 and 2.2). Second, for all but one specimen the fracture location
coincides with the location where maximum values of major principal strain are
recorded (Figures 2.6-8). This shows the key role of the major principal strain in the
fracture process. Indeed, areas away from the fracture location may experience
minor principal values that are much larger (in magnitude) than the values
experienced by bone in the areas close to the fracture location (Figures 2.6-8). The
fracture limit diagram may be overly influenced by the minor principal strain as one
can see the average value of critical strain values drops from 0.63% for young
animals to -0.65 for more mature animals. This shows that the fracture limit
diagram is not capable of capturing the actual fracture process.
Since the age of the animals that participated in both tests were different, one
needs to account for the changes that occur during the process of skeletal
maturation of rats. Several researchers have studied the mechanical properties and
structural changes that occur during skeletal maturation of murine models [45-48].
It is generally shown that at 12 weeks, the skeleton is not yet completely mature.
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For example, it has been shown that the peak bone strength is not achieved before
20 weeks of age [45]. In a different study, it was shown that the percent
mineralization of mice femur increases up to 20 weeks of age [46]. In the same
study, the authors showed that the average fracture force of mice femur increases
from 10.4 N to 15.9 N when the mice ages from 12 to 28 weeks [46]. It could
therefore be concluded that the samples tested in both tests of the current study
(12 and 26 weeks old) are probably at different stages of skeletal maturation and
that is why they show different levels of strain (compare Tables 1 and 2) and
average fracture force (compare Figures 2.2a and 2.2b) at 12 and 26 weeks.
We examined only two fracture criteria in this study. There are several other
fracture criteria available for predicting the fracture of brittle and ductile materials
[43]. However, most other criteria also need information regarding the stress
values. One then needs to use a finite element model of the tested specimens
together with the strain values measured in the experiments for examining the
applicability of other fracture prediction criteria. The other point is that, similar to
other optical strain measurement techniques, DIC is only capable of measuring
surface strains. One may also need volume strains in order to apply certain fracture
criteria. Finite element models can be used for estimating the strain values inside
the volume of the bone specimens [49]. The data generated in this study as well as
corresponding micro-CT images are made freely available for the public. Other
researchers can therefore use the data in their future finite element studies. In
addition, there are currently not many correlations available between the bone
mineral density and elastic coefficients in rat bone samples. The data provided by
DIC and micro-CT measurements is an ideal set of data for estimating the
correlation between the bone mineral density estimated using CT images and the
elastic properties implemented in a finite element model. For example, it is
generally assumed that the Young’s modulus, , and apparent bone density, ρ, are
related through the following correlation function:
(4)
If this relationship between apparent density and Young’s modulus is used in a
finite element model, one can use an optimization algorithm to find the best values
and such that the difference between the strain distributions
of parameters
predicted by the finite element model and the ones measured using finite element
model are minimized.
The main limitation of the current study is the limited number of samples tested.
Moreover, an epoxy resin mounting was used to apply the mechanical loads more
consistently. Even though the epoxy resin is very effective in consistent application
of the mechanical force, a significant part of the bone is covered in the resin and
cannot be studied. In particular, the most proximal part of the femur is buried in the
epoxy resin, meaning that not much information can be obtained about the
behavior of the trabecular bone close to the femoral head. In the future studies, it
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would be beneficial to design a micro-loading setup that can consistently apply the
load at the femoral head. One would then need to use the epoxy resin mounting
only at the distal part of the femur. The rate of loading in this study was chosen very
low to avoid any viscoelastic effects (approaching the isothermal condition). It
should be noted that the fracture behavior of bone might be different under high
strain rates (e.g. in car accidents or sports trauma). Therefore, it may not be
possible to use the results of the current study for explaining the fracture behavior
of bone under large deformation rates. The other option for avoiding viscoelastic
effects is to study the fracture behavior in adiabatic test conditions for which one
would need to carry out the test very rapidly. However, a very high-speed camera
system is needed for studying the fracture of bones in the adiabatic conditions. In
order to study the behavior of rat femora in more physiologically relevant
conditions, loading rates close to physiological loading rates of rats need to be used
in future experiments. One of the limitations of the current study as well as most
other in vitro studies of bone fracture is lack of direction relationship of the applied
load with the musculoskeletal loads experienced by the body. In the future studies,
it would be useful to connect the in vitro mechanical experiments of bone to largescale musculoskeletal models [50, 51] or at least simplified models [52-54] of the
musculoskeletal system.
2.5. Conclusion
In summary, full-field strain measurement using DIC technique was carried out
during compression testing of rat femora. Fractures occurred in the area where
highest tensile strains were measured (if any), even though the absolute values of
largest compressive strains could be much higher than the largest tensile strains.
Two different criteria, namely equivalent strain fracture criterion and fracture limit
diagram were used to see which one could consistently predict the onset of
fracture. It was observed that the equivalent strain threshold that is needed for
equivalent strain fracture criterion is consistent within the tested specimens, while
the strain threshold calculated for the fracture limit diagram is less consistent.
Moreover, observations about fracture locations match the predictions of the
equivalent fracture strain criterion better.
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Chapter 3
Mechanical analysis of a rodent segmental bone
defect model: the effects of surgical variability
and implant stiffness on load transfer*
Abstract
Segmental bone defect animal models are often used for evaluating the bone
regeneration performance of bone substituting biomaterials. Since bone
regeneration is dependent on mechanical loading, it is important to determine the
mechanical load transfer after stabilization of the defect and to study the effects
the stiffness of the biomaterial on the transmitted load. In this study, we assess the
mechanical load transmitted over a 6 mm femur defect that is stabilized with an
internal PEEK plate. We implanted three different types of selective laser melted
porous titanium alloy implants for grafting the segmental defect (5 specimens per
group). In one additional group, the segmental defect was left untreated. Micro
strain gauges were used to measure strain values at four different locations of the
fixation plate during external loading on the femoral head. The load sharing
between the fixation plate and titanium implant was highly variable. The standard
deviations of the measured strain values were between 31 and 93% of the mean
strain values, likely due to the small variations in the defect space for the implant as
a consequence of the surgical variability. As a consequence, no significant
difference between the forces transmitted through the implants with different
elastic moduli was measured. However, some non-significant trends were observed
in the mean strain values that, consistent with the results of a previous finite
element study, implied the force transmitted through the implant increases with
the implant stiffness. The findings of this study are consistent with the high
variability in regenerated bone volumes observed in our previous animal studies. It
is concluded that the applied internal fixation method does not standardize
mechanical loading over the defect to enable detecting small differences in bone
regeneration performances of bone substituting implants. It is suggested that the
fixation method needs to be modified to make the mechanical loading more
consistent between different individuals and that it is inadequate in its current
form.
*
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3.1. Introduction
Treatment of large bony defects and non-unions continues to pose an important
challenge for orthopaedic surgeons. The traditional treatment techniques based on
autografts are associated with some limitations including limited availability of
autologous bone stock, donor site morbidity, the need for a second surgery, and
possible surgical complications [1-4]. Autologous bone grafting is another
traditionally used technique that has its own limitations [5-8] including the risk of
“disease transmission” and “immunogenic rejection” [9]. Researchers are therefore
trying to develop alternative treatment options based on regenerative medicine
approaches [10-13] and new biomaterials [14-16]. Many different variations of
bone substituting implants and treatment approaches have been developed over
the last few decades including bioactive glasses [17-19] and titanium alloy implants
[20-24].
Every new implant needs to be tested in pre-clinical settings to evaluate its
performance. Animal experiments [25] are generally the last step in the chain of
pre-clinical tests that lead to clinical trials. There is a wide array of animal models
described in literature, they vary from using large animals such as goats and beagles
to using small animals such as rats and mice. The bone defects can be made in loadbearing and non-load bearing sites, and different ways of fixation could be used. A
commonly used model is the rat femur defect model. This model has the advantage
of relatively ease of care, ability to perform longitudinal in vivo follow-up using
micro-CT, and relatively low cost. An important aspect of this model is the fixation
of the bone after removal of the mid-diaphyseal bone segment. The remaining
femur can be fixated using internal fixation methods (internal plates made of PEEK
or titanium) or with external fixation devices combined with percutaneous pins.
Fixation is aimed to provide mechanical stability and to standardize the mechanical
loading of the implant tested within the defect.
Since bone regeneration is dependent on the mechanical load experienced by the
tissue [26, 27], it is therefore very important to understand how consistently the
mechanical load are transferred after fixation of the segmental defect with the
chosen fixation methods. Therefore, we quantified the mechanical loading of
inserted implants after using an internal fixation plate that we have used in several
previous in vivo studies. We aimed to estimate the shares of bone substituting
implant and fixation plate in transferring the mechanical loads that are going
through the femur. We hypothesized that the internal fixation method results in a
stable and standardized mechanical loading of the defect and that the ratio of the
mechanical load going through the bone substitute depends on its stiffness of the
implant. In order to test this hypothesis, we used highly porous titanium alloy
implants manufactured using an additive manufacturing technique. By changing the
porosity and micro-architecture of the implant, one could create bone substitutes
with different elastic moduli [28, 29]. Three different implants with three different
elastic moduli together with an empty defect, i.e. zero stiffness of the implant, were
used for the experiments. Multiple micro strain gauges were used to measure the
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deformation of both bone substitutes and fixation plate during compression testing
of the rat femur.
3.2. Materials and methods
Highly porous titanium alloy (Ti6Al4V ELI) implants were manufactured using
selective laser melting. The details of the powder material and manufacturing
process are presented elsewhere [24, 28] and are not repeated here. All implants
were made based on the dodecahedron unit cell with a nominal pore size of 500
μm. Three different strut diameters, namely 120, 170, and 230 μm, were used so as
to manufacture implants with different porosities and, thus, different elastic
moduli. The actual dimensions of the micro-architecture of the implants were
determined using micro computed tomography (micro-CT) [24, 28] (Table 3.1).
Table 3.1. The micro-architectural features and mechanical properties of the implants used in the
current study.
Series name
Micro-CT threshold

Ti 120-500
77-255

Ti 170-500
85-255

Ti 230-500
96-255

Porosity, micro-CT (%)
Pore size, nominal (μm)
Pore size, micro-CT (μm)
Strut size, nominal (μm)
Strut size, micro-CT (μm)

84.22
500
560±173
120
140±38

77.68
500
608±182
170
218±62

68.45
500
560±186
230
251±76

σpl (MPa)
Eσ20-σ70(GPa)

15.8±1.2
0.55±0.07

34.8±3.4
1.40±0.03

91.8±2.7
3.49±0.02

The mechanical properties of the implants were also measured using compression
mechanical testing on cylindrical specimens [28] (Table 3.1). The plateau stress (σpl),
the arithmetical mean of the stresses between 20% and 40% compressive strain,
and the elastic gradient (Eσ20-70), the gradient of the elastic straight line between
two stress values, namely σ70 and σ20,, were calculated (Table 3.1). In the context of
the mechanical properties of porous materials, plateau stress and elastic gradient
are respectively the closest concepts to the concept of yield stress and Young’s
modulus that are used for solid materials [28]. The samples used for ex vivo
implantation were based on a mid-diaphyseal segment of a rat femur (Figure 3.1a).
Twenty cadaver rat femurs of skeletally mature (24-26 weeks old) male Wistar rats
were used. Femurs were kept in 10% neutral buffered formalin solution for two
days and then transferred to phosphate buffered saline. The surrounding soft tissue
was carefully removed.
A 23 mm long fixation plate (material: PEEK, RatFix) was fixated to the femur
anterolateral plane using three proximal and three distal screws (0.8 mm diameter,
6.5 mm length). Subsequently, a 6 mm bone segment was removed with a wire saw
(Gigly wire saw 0.44 mm, RIS.590.110) and a tailor-made saw guide. The porous
titanium implants were then press-fitted into the defect. Femurs were afterwards
kept in phosphate buffered saline. Any other details of materials and surgical
techniques can be found in our previous studies [21, 22]. Five specimens were
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prepared for every one of the three above-mentioned porosities of the implant. In
one additional group (five specimens), the segmental defect was left empty, i.e.
zero stiffness of the implant.

a)

2

1

3

4

b)

Figure 3.1. A sample specimen of selective laser melted porous titanium used in the current
study (a); scale bar: 1mm. The configuration of strain gauges and the overall appearance of
the specimens (b); scale bar: 5mm.

In order to ensure consistent load application during mechanical testing of the
specimens, both distal and proximal sides of the femora were fixed in a cold-cured
epoxy resin (Technovit® 4071, Heraeus Kulzer, Germany) using a protocol similar to
the once described elsewhere [30] (Figure 1b). After fixation, both sides of the
potted specimens were ground to ensure flat surfaces were obtained for consistent
application of the compressive force.
The prepared specimens were tested in compression at a constant deformation rate
of 1 mm/min using a static test machine (Zwick/Roell, 20 kN load cell). The
compression test was continued up to the point of specimen failure where the
compression load dropped to less than 40% of the maximum registered load.
Aluminum-based foil micro strain gauges (Keyowa Electronic Instruments, Japan)
with a resistance of 120 Ω and gauge factor of 2.1 were attached to the fixation
plate and the implant. The quarter bridge technique was used where, for every
point of strain measurement, four strain gauges were connected to one side of the
bridge and a fixed resistor was inserted into each of the other three sides of the
bridge. The strain values were measured in four locations on the specimens: three
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sides of the fixation plate (strain gauge location 1-3) and the implant (strain gauge
location 4) (Figure 3.1b). Prior to strain gauge attachment, the surface of the
fixation plate and implant were degreased using acetone, followed by a mild
sanding. The strain gauges were attached to the surface of the fixation plate and
implant using cyanoacrylate adhesive (CC-33A, Kyowa). The surface was protected
with waterproof beeswax. A grid voltage of 1.5 V was used, and measurements
were performed at 2000 Hz. The voltage data of all strain gauges were transferred
to data input channels of the static test machine that used internal procedures for
synchronizing the measured strain data with force and displacement data.
The strain values measured for different groups were compared with each other
using the analysis of variance (ANOVA) followed by Tukey-Kramer post-hoc analysis.
A significance threshold of p < 0.05 was used. The statistical program G*Power 3
[31, 32] was used to perform all power analyses based on the Student’s two-tailed
t-test and to determine the required sample sizes for achieving statistical powers of
0.8, 0.9, and 0.95.
The ε4 values measured in the implants were normalized by multiplying the
absolute ε4 values by the ratio of the elastic modulus of the implant of every group
to that of Ti 120-500. The strain measurement data is only reliable up to the point
where the specimen becomes unstable due to (local) failure. The maximum strain
values measured at the point of first instability and up to the point of first instability
were both registered and processed.
3.3. Results
The variation in the microstructural design of the porous implants resulted in more
than 6-fold difference in the homogenized elastic modulus (or elastic gradient, Eσ2070) and yield stress (or plateau stress, σpl) of the porous implant (Table 3.1).
The strain values measured at different locations exhibited notable variability both
between the specimens of the same group and between the specimens of different
groups (Figures 3.2-5). The strain values measured in the implant, i.e. ε4 values,
were
comparable with those measured in the fixation plate indicating that a significant
portion of the load was transmitted through the implant (compare Figures 3.2-5 b-d
with Figures 3.2-5 e).
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Figure 3.2. Force-displacement curves (a) and strain values measured by strain gauges at
location 1-4 (b-e) for the Ti 120-500 group.

There was no difference between the maximum forces of the specimens from
different groups (Figure 3.6a). The same held for the displacements at maximum
force (Figure 3.6a).
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Figure 3.3. Force-displacement curves (a) and strain values measured by strain gauges at
location 1-4 (b-e) for the Ti 170-500 group.

Similarly, there were no significant differences between the ε1- ε3 values measured
for the specimens from different groups nor was any clear trend detectable in the
ε1- ε3 values measured for groups with different stiffness values (Figure 3.6b-d).
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Figure 3.4. Force-displacement curves (a) and strain values measured by strain gauges at
location 1-4 (b-e) for the Ti 230-500 group.

The normalized and non-normalized ε4 values were also not significantly different
(Figure 3.6e-f). However, there was a clear decreasing trend in non-normalized ε4
values and a clear increasing trend in normalized ε4 values as the stiffness of the
implant increased (Figure 3.6e-f). The above-mentioned observations held both for
the maximum strain value at the point of first stability and the maximum strain
value up to the point of first instability (Figure 3.6). The standard deviations of
measured strain values were in most cases large and in the range of 31 to 93% of
the mean strain values (Figure 3.6).
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Figure 3.5. Force-displacement curves (a) and strain values measured by strain gauges at
location 1-4 (b-e) for the empty (no implant) group.

The sample sizes required for achieving significant differences between the strain
values measured in the stiffest (Ti 230-500) and least stiff (Ti 120-500) implants
were between 15 and 28 depending on the assumed statistical power and the type
of strain metric used (normalized vs. non-normalized) (Table 3.2). As for the most
important force measure, i.e. normalized ε4 values, the sample sizes required for
detecting significant difference between the forces transmitted through the stiffest
and least stiff implants was between 15 and 23 depending on the assumed
statistical power (Table 3.2).
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Table 3.2. The results of the statistical power analysis performed to determine the required sample
size.
Statistical power
Quantity
0.8
0.9
0.95

ε4
Normalized ε4

18
15

23
19

28
23

3.4. Discussions
The results of this study clearly show that there is high variability in the mechanical
load transferred through the implant and fixation plate. This high variability can be
observed in the time history of the strain values measured at different locations
within the fixation plate and implant (Figure 3.2-5). The maximum strain values
measured by the strain gauges also show very large variations and standard
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deviations that vary between 31 and 93% of the mean strain values and in most
cases exceed 50% of the mean strain values (Figure 3.6). Since functional bone
apposition is dependent on mechanical loading [33, 34], large variation in
transferred mechanical loading could translate to large variations in regenerated
bone volumes in the segmental bone defect. This is, indeed, consistent with the
findings of our previous animal studies where the animal model studied here was
used to evaluate the bone regeneration performance of different iterations of
selective laser melted porous titanium alloys [21, 22]. In those studies, it was
observed that large variations exist in the volume of regenerated bone, which
induced the current study. Without additional information regarding the
transferred mechanical load, it was not possible to determine the role of different
factors on the variability of regenerated bone volume. The results of the current
study show that variability in transferred mechanical load could explain much of the
variation in the regenerated bone volume.
The above-mentioned variability in the transferred mechanical load has important
consequences in terms of the suitability of the animal model for evaluation of
implants in bone regeneration studies. This type of animal models are often used to
determine whether certain types of modifications in bone substituting implants
could improve their bone regeneration capability. The large variation in transferred
mechanical load means that there is a high probability of committing type-II
statistical error (false negatives) when using this type of animal models. As a
consequence, genuine improvements in implant performance may be disqualified,
because the statistical power of the experiments is too low due to the large
variability in transferred mechanical force and resulting bone regeneration stimulus.
It is suggested that the fixation method should be modified to make the mechanical
loading and the resulting bone regeneration more consistent between different
animals. In orthopaedic surgery, often a pre-stress is applied on the fractured bone
by using a plate with screws that can slide to one direction and result in
compression on the bone and tension in the plate. There is currently no such a
mechanism in the animal model studied here. This can be considered a weak point
of the animal model. It is suggested that the animal model be modified by
incorporating a pre-stress component into the design of the model such that the
contact between the bone and implant and load transfer between the two is
guaranteed regardless of surgical variations such as variations in the size of the
bony defect.
In its current format, the animal model shows very large variability, and is not
capable of demonstrating the difference between various implants in terms of bone
regeneration unless the difference is very large. The only way to make to increase
the statistical power of the experiments and to identify improvements in the bone
regeneration capability of different implants is to increase the number of animals
used in the experiments. Increasing the number of animals has adverse
consequences in terms of the involved cost and may raise ethical concerns. It is
therefore suggested that more consistent animal models be developed and used for
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evaluation of the bone regeneration performance of implants. Quantitatively
speaking, the power analysis performed here shows that the sample size required
to distinguish the differences between the stiffest and least stiff implants is larger
than 15 even when the stiffest implant is more than 6 times stiffer than least stiff
material. It can be therefore concluded that sample sizes much smaller than 15, e.g.
below 10, may not present enough statistical power for distinguishing between
different implants and treatments particularly when the main mechanism of their
action is through mechanical loading.
The same type of argument applies to the hypothesis tested in the current study. As
previously stated, we hypothesized that the stiffness of the implant implanted in
the segmental bone defect determines the share of mechanical load going through
the implant. The strain values measured within the implant, i.e. ε4 values, could be
used to compare the mechanical load transferred by different implants. As the
elastic modulus of the implant increases from 0.55 GPa (Ti 120-500) to 3.49 GPa (Ti
230-500), it is expected that the absolute values of strain should decrease, because
the implants becomes more than six times stiffer and will show less deformation for
the same load. This is consistent with the trend observed in Figure 6e, as one could
see that the mean non-normalized ε4 values decrease as the stiffness of the
implants increases. However, the differences between the mean values are
statistically non-significant. In order to compare the actual mechanical force
transmitted through the implant, one needs to normalize the strain values by
multiplying the measured strain values with the ratio of the elastic moduli of the
tested material to that of Ti 120-500. Once normalization is performed, the nonsignificant trend observed in Figure 6e is reversed, meaning that the mean force
transmitted through the implant tends to increase with the stiffness of the implant
(Figure 3.6f). Once more the differences between the mean values of different
groups are statistically non-significant. The results are, however, consistent with a
preliminary finite element study [35] that we performed to study the effects of
implant stiffness on the share of mechanical load transferred it (Figure 3.7).
The results of that study showed that the share of mechanical load going through
the implant increases as the stiffness of the implant increases (Figure 3.7). The
finite element study is capable of clearly showing the expected trend, because
there is no variability in the modeling process whereas large variability is observed
in actual animal models. Looking at the problem from physical reasoning viewpoint,
stiffer implants are expected to be able to shoulder a larger proportion of the
transmitted mechanical load.
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Load distribution as function of Ti foam material properties
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Figure 3.7. The results of a previous finite element study of ours [36] showing the effects of
implant stiffness on the share of mechanical force transmitted through the implant.

It can be therefore concluded that the non-significant trends observed in Figures
3.6e and 3.6f are consistent with the results of FE modeling and with intuitive
physical reasoning. The statistical power is, however, not enough to enable
achieving significant differences between the different groups with different
stiffness values. According to the power analysis (Table 3.2), the sample size
required for achieving enough statistical power is between 4 and 5 times larger,
rendering the experiments infeasible to perform.
In the same finite element study mentioned above [35], it was found out that the
force transmitted through the implant is dependent on the type of applied
mechanical force. It is therefore important to apply physiologically relevant
mechanical forces. As for the humans, one could use musculoskeletal models [3639] or simpler mass-spring-damper models [40-42] for estimating physiologically
relevant musculoskeletal loads. Such models are not available for rodent animal
models. In this study, we used a previously used and validated mechanical loading
protocol [30] for application of mechanical forces. The mechanical loading protocol
is designed for maximum consistency in load application. In addition to applied
mechanical load, one needs to measure the strain values as accurately and as locally
as possible. Full-field measurement techniques such as digital image correlation
(DIC) [43-46] could be used for local strain measurement. However, given the small
sizes of the specimens, the small values of encountered strain values, somewhat
dynamic nature of the experiments, and the need to measure strains all around the
specimens, it is challenging to use DIC systems for measurement of strain values
encountered here.
3.5. Conclusion
In summary, there is large variability in the level of mechanical forces transmitted
through the implant and fixation plate in the animal model considered here. The
standard deviations of measured strain values are at least one third of the mean
strain values and could go up to about the same values as the mean strain values.
This large variability has important consequences in terms of the design of animal
experiments. One should either opt for a large animal study with significant costs or
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risk committing type-II statistical error. In general, the segmental bone defect model
studied here is not sensitive enough to detect some genuine changes in the bone
regeneration capability of implants, particularly when these changes primarily
influence the mechanical loading of the implants. Biological differences with only
limited modulations with mechanical loading may still be identifiable. The large
variability in measured strain values prevented us from drawing any firm
conclusions as to whether the stiffness of the implant influences the force
transmitted through the implant. It is, however, noted that non-significant trends
observed in the measured strain values are consistent with the results of a previous
finite element study that showed the mechanical load transmitted through the
implant increases as the stiffness of the implant increases.
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Chapter 4

Fatigue
behavior
of
porous
titanium
manufactured using selective laser melting*

Abstract
Porous titanium alloys are considered promising bone-mimicking biomaterials.
Additive manufacturing techniques such as selective laser melting allow for
manufacturing of porous titanium structures with a precise design of microarchitecture. The mechanical properties of selective laser melted porous titanium
alloys with different designs of micro-architecture have been already studied and
are shown to be in the range of mechanical properties of bone. However, the
fatigue behavior of this biomaterial is not yet well understood. We studied the
fatigue behavior of porous structures made of Ti6Al4V ELI powder using selective
laser melting. Four different porous structures were manufactured with porosities
between 68 and 84% and the fatigue S-N curves of these four porous structures
were determined. The three-stage mechanism of fatigue failure of these porous
structures is described and studied in detail. It was found that the absolute S-N
curves of these four porous structures are very different. In general, given the same
absolute stress level, the fatigue life is much shorter for more porous structures.
However, the normalized fatigue S-N curves of these four structures were found to
be very similar. A power law was fitted to all data points of the normalized S-N
curves. It is shown that the measured data points conform to the fitted power law
very well, R2=0.94. This power law may therefore help in estimating the fatigue life
of porous structures for which no fatigue test data is available. It is also observed
that the normalized endurance limit of all tested porous structures (<0.2) is lower
than that of corresponding solid material (c.a. 0.4).
*
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4.1. Introduction
The biomaterials that replace bone should be biocompatible and be similar to bone
in terms of mechanical properties. Most metallic biomaterials that are currently
used are much stiffer than the bone they replace, resulting in stress shielding.
Unloading of bone due to stress shielding will result in bone resorption (Wolff’s law)
in case of orthopedic prostheses [1, 2] or may hinder complete bone regeneration
in case of bone substitute biomaterials [3]. Bone resorption caused by stress
shielding is believed to contribute to highly undesired effects such as aseptic
loosening of implants [4-7].
One approach for reducing stress shielding is to use porous metallic biomaterials.
The overall stiffness of porous biomaterials is much closer to the range of stiffness
values of bone [8-10]. Manufacturing methods such as space-holder technique [11,
12] and additive manufacturing technologies [13-16] have been used to produce
porous biomaterials with mechanical properties (stiffness) close to bone.
The porous biomaterials produced using additive manufacturing have three
important advantages as compared to the ones produced using conventional
manufacturing techniques. First, the micro-architecture of porous biomaterial can
be precisely controlled. That is an important advantage, because the mechanical
properties of porous biomaterials are dependent on their microarchitecture [17].
One can therefore adjust the mechanical properties of porous biomaterials by
modifying its micro-architecture. The second advantage is the possibility of
combining solid materials with porous materials or combining porous materials
with different micro-architectures in one single structure. Since every microarchitecture results in certain ranges of mechanical properties, distribution of
mechanical properties within the implant can be optimized in order to minimize
stress shielding. Thirdly, patient-specific implants can be produced using additive
manufacturing techniques.
Increasing the porosity of porous metallic biomaterials has two main advantages.
First, the stiffness of the metallic biomaterial reduces to the level of stiffness values
typically measured for bone. Second, highly porous biomaterials provide ample
space for bone regeneration and implant fixation. However, the fatigue properties
of highly porous biomaterials may suffer from high levels of porosity. In a recent in
vivo study, we showed that highly porous titanium alloys manufactured using
selective laser melting regenerates large volumes of bone in critically sized bone
defects [18]. However, some of the implanted porous biomaterials showed signs of
fatigue failure.
Since bone replacement biomaterials usually experience cyclic loading, it is
important to understand their fatigue behavior. Fatigue behavior of porous metallic
biomaterials manufactured using conventional techniques is studied before [19-21],
whereas studies on the fatigue behavior of porous metallic biomaterials
manufactured using additive manufacturing techniques are limited and mostly
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focused on selective electron beam melting [22], sacrificial wax template technique
[23], and laser engineered net shaping (LENS) [24].
In the current study, we study the fatigue behavior of a porous titanium alloy
manufactured using selective laser melting. We first measure the static mechanical
properties of the studied materials and then use compression-compression fatigue
tests for determining their fatigue behavior. The effects of porosity, stress level, and
other parameters on the fatigue behavior of the tested biomaterials are also
studied. The failure and fatigue mechanisms are studied using strain and strain
increment data, and the different stages of fatigue failure are identified and
discussed.
4.2. Materials and methods
4.2.1. Materials and manufacturing

Porous structures were manufactured using selective laser melting method
(Layerwise NV., Belgium). The details of the laser processing methods were similar
to the ones presented in previous studies [25-27]. The unit cell used as the microarchitecture of these porous structures was in all cases dodecahedron. Four
different structures were manufactured using the biomedical titanium alloy Ti6Al4V
ELI. Spherical pre-alloyed Ti6Al4V ELI powder according to ASTM B348, grade 23
was used. The production was performed in an inert atmosphere and the samples
were built upon a solid titanium substrate. After production, the samples were
removed from the substrate using wire electro discharge machining. The
specifications of these porous structures including the pore size and strut thickness
were different between the four different porous structures (Table 4.1), resulting in
four different values of porosity.
Table 4.1 The different series of porous materials tested in the current study and their manufacturing
and geometrical/physical properties.

Series name
Dimensions (D×L, mm)
Micro-CT threshold
Porosity, dry weighing (%)
Porosity, Archimedes (%)
Porosity, micro-CT (%)
Pore size, nominal (μm)
Pore size- micro-CT (μm)
Strut size, nominal (μm)
Strut size, micro-CT (μm)

Ti 120-500
10×15
77-255
83.7±0.3
83.6±0.3
84.22
500
560±173
120
140±38

Ti 170-450
10×15
88-255
70.1±0.3
69.7±0.3
71.20
450
486±162
170
216±64

Ti 170-500
10×15
85-255
77.1±0.5
76.8±0.5
77.68
500
608±182
170
218±62

Ti 230-500
10×15
96-255
66.4±0.3
65.8±0.3
68.45
500
560±186
230
251±76

Cylindrical specimens with approximate diameter of 10 mm and length of 15 mm
were manufactured for static and dynamic testing.
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4.2.2. Evaluation of manufactured structures

The structure of manufactured porous materials as well as their surface was
observed using a JEOL (JSM-6500F, Japan) scanning electron microscope (SEM).
Overall open porosity was measured using dry weighing and Archimedes
measurements on five different samples of each series. Dry weighing occurred in
normal atmosphere conditions and overall porosity was calculated by dividing
actual weight by the theoretical weight of the macro volume using a theoretical
density of 4.42g/cm³ for Ti6Al4V ELI. Archimedes measurements are based on a
combination of dry weighing and weighing in pure ethanol. Overall porosity was
then calculated by dividing actual volume by the macro volume. All weighing
measurements were carried out on an OHAUS Pioneer balance.
Pore size and strut size was measured using Computer Tomographic data obtained
with a Skyscan 1172 micro-CT system (Bruker micro-CT N.V., Kontich, Belgium). For
each series one sample was scanned over a total height of 6 mm with a 11.8μm
resolution protocol (100 kV, 100, Al+Cu filter, 0.4 degree rotation step, frame
averaging of °5). CT images were reconstructed using Skyscan NRecon software
(Bruker micro-CT N.V., Kontich, Belgium), with an automatic misalignment
compensation, smoothing set to 4, ring artifacts reduction to 8 and beam hardening
correction to 70%. Pore size and strut size were determined in CTAn software
(Bruker micro-CT N.V., Kontich, Belgium). Therefore, a binary dataset was acquired
from the reconstructed dataset using a global threshold. Global threshold values
were determined for each sample based on the theoretical volume of the titanium
structure scanned, and subsequently pore size and strut size were measured (Table
4.1).
4.2.3. Microstructure and micro-hardness

From each series, one sample after compression static mechanical testing was
prepared to obtain information on the micro-structure and the micro-hardness.
Polished samples were etched by immersing in a mixture of 50 ml H2O, 25 ml HNO3
and 5 ml HF and viewed under a Leica DMILM 12V/100W microscope. A Leitz microhardness tester with a load of 50 g was used to determine Vickers hardness. On
each sample, seven indentations were made.
4.2.4. Static mechanical testing

Static testing of samples was carried out in accordance with the standard ISO
13314:2011. All tests were carried out using an INSTRON 5985 mechanical testing
machine (30 kN load cell) by applying a constant deformation rate of 1.8 mm/min.
Each static compression test resulted in a stress-strain curve for which the following
values were calculated: maximum compressive strength (σmax), strain at first
maximum compressive strength (emax), plateau stress (σy) as the arithmetical mean
of the stresses between 20% and 40% compressive strain, plateau end stress (σ130)
and strain (eple), and the elastic gradient (Eσ20-70) as the gradient of the elastic
straight line between two stress values, namely σ70 and σ20 (Table 4.2).
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Table 4.2. The mechanical properties measured for every one of the four porous structures.
Series

1

Ti 120-500
Ti 170-450
Ti 170-500
Ti 230-500

σmax
(MPa)
19.4±0.3
78.7±2.2
42.8±3.5
117.2±1.1

emax
(%)
5.9±0.6
4.8±0.8
4.6±0.2
5.4±0.2

σpl
(MPa)
15.8±1.2
67.8±3.0
34.8±3.4
91.8±2.7

σ130
(MPa)
20.6±1.6
88.2±3.9
45.3±4.4
119.4±3.5

eple
(%)
60.9±5.7
75.4±2.1
69.4±7.9
56.3±7.6

Eσ20-σ70
(GPa)
0.55±0.07
2.62±0.02
1.40±0.03
3.49±0.02

HV1
419.3±26.0
420.3±19.1
414.0±14.6
426.5±13.3

Vickers microhardness, n=7.

In this context, plateau stress and elastic gradient are respectively the closest
concepts to the concept of yield stress and Young’s modulus that are used for solid
materials. In order to facilitate understanding and comparison between the results
of this study and those of similar studies on solid and porous materials, we will call
the plateau stress yield stress and denote it with σy. Similarly, we will call the elastic
gradient Young’s modulus. The exact definitions presented above should be,
nevertheless, kept in mind when interpreting the data.
4.2.5. Fatigue tests

Compression-compression fatigue tests were carried out using a hydraulic test
frame (MTS, Minneapolis, US) with a 25 kN load cell. The loading frequency was
fixed at 15 Hz (sinusoidal wave shape) and a constant load ratio, R= 0.1, was used.
Eleven different values of maximum force were chosen for every porous structure.
The maximum force values were chosen such that the applied stress levels were
between 0.2σy and 0.8σy (Table 4.3).
Table 4.3. A summary of the force values and the number of samples that were used in fatigue testing
of different series of porous structures.
Series
Ti 120-500
Ti 170-450
Ti 170-500
Ti 230-500

force (N)
Nr. samples
force (N)
Nr. samples
force (N)
Nr. samples
force (N)
Nr. samples

0.2σy

0.25σy

0.3σy

0.35σy

0.4σy

0.45σy

0.5σy

0.6σy

0.65σy

0.7σy

0.8σy

236
3
1099
2
550
2
1413
2

314
3
1256
2
628
2
1884
2

393
3
1570
2
785
2
2120
2

432
2
1884
2
942
3
2355
2

471
2
2120
2
1099
2
2826
2

550
2
2434
2
1256
2
3297
2

628
2
2669
2
1413
2
3768
2

707
2
3140
2
1570
2
4239
2

785
2
3454
2
1727
3
4710
2

864
2
3768
2
1884
2
5181
2

942
3
4239
2
2198
2
5809
2

Two specimens were tested for every stress level (22 specimens per porous
structure). The specimens were assumed to have failed once the stiffness of the
specimen dropped by more than 90%. If the difference between the cycles to
failure of tested samples was greater than 40% of their average values, a third
specimen was tested. The S-N curves of the four tested porous structures were
established by plotting both absolute and normalized values of stress versus
number of cycles to failure for all tested specimens.
In case of normalized S-N curves, a power law was fitted to all data points of the
normalized S-N curves. To calculate strain per cycle and derivative of strain with
respect to cycle number, the measured data were first down-sampled using a downsampling ratio of 110.

46

Chapter 4

The derivative of strain with respect to cycle number was calculated using the
down-sampled data. For a selection of samples, i.e. 0.3σy and 0.6σy, the fatigue
tests were carried out until the stiffness of the material decreased by 10, 20, and
25%. The samples were then photographed to show the shape of samples at
different levels of stiffness loss.
4.3. Results
The yield stress of the four different structures varied between 16 and 92 MPa
(Table 4.2) and the maximum stress varied between 19 and 117 MPa (Table 4.2),
meaning that the micro-architecture of the porous structure changed its static
mechanical properties by up to one order of magnitude. As expected, the lowest
yield stress (16 MPa, Table 4.2) was measured for the structure with highest
porosity (88%), and the structure with lowest porosity (68%) has the highest yield
stress (92 MPa). The micro-hardness values (c.a. 420 HV) were similar for all four
structures (Table 4.2).
The manufactured structures were regular and in accordance with the designed
micro-architecture (Figure 4.1a-b). The microstructures of different four porous
structures were similar (Figure 4.2a-d). The manufacturing technique was not
perfect and there were some imperfections in the micro-architecture of the
structures (Figure 4.1b-d). In particular, it was noted that some struts were
significantly weaker than others and some sharp angles existed in the
microarchitecture (Figure 4.1c-d).
The standard deviation of the strut size was between 38 and 76 μm for different
tested series (Table 4.1). Since sharp angles generally result in stress concentrations,
these imperfections could give rise to possible crack initiation sites (Figure 4.1c-d).
Some of these crack initiation sites with potentially high stress values are identified
with arrows in Figures 4.1c-d.
The fatigue life of the four tested structures are also quite different (Figure 4.3a). If
absolute stress values are used (Figure 4.3a), the order of S-N curves is similar to
the order of yield stress values of the four structures. However, if the stress values
in the S-N curves are normalized with respect to the yield stress of the structures
(Figure 4.3b), all structures behave more or less the same.
The power law fitted to all data points shows that the normalized S-N curves can be
explained by a power-law with a very high coefficient of determination, R2 = 0.94.
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b)

c)
d)
Figure 4.1. The structure and surface of a sample specimen from Ti 230-500 series observed
using SEM at 12x (a), 23x (b), 70x (c), and 100x (d).

a)

b)

c)
d)
Figure 4.2. Microstructure of Ti120-500 (a), Ti170-450 (b), Ti170-500 (c) and Ti230-500 (d)
after compression testing.
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a)

σ/σy = 8.0293 N -0.301
R2 = 0.94

b)
Figure 4.3. The S-N curves of all specimens using absolute (a) and normalized (b) stress
values. A power law is fitted to all data points of the normalized S-N curves.

Both strain vs. cycle number and derivative of strain vs. cycle number show the
three-stage fatigue behavior that is typical of porous metal[28]. In the first stage
(Figure 4.4b, stage I), the strain changes slowly until the second stage (Figure 4.4b,
stage II) starts within which there is only very minimal accumulation of strain. In the
final stage, the strain increases very rapidly and the specimen fails within a limited
number of cycles (Figure 4.4b, stage III).Even though these three stages exist for
most stress levels and porous structures, their shape is not always the same and the
transition points of stages cannot be always easily detected. For example, for some
combinations of porous structure and stress level, the strain increases within stage I
(Figure 4.4b), while the strain may slightly decrease for a few other combinations of
stress level and type of porous structure (e.g. Figure 4.4a and 4.3c).

d)

c)

Stage III

Figure 4.4. The strain vs. cycle number for the four different porous structures studied here: Ti 120-500 (a), Ti 170-450 (b), Ti 170-500 (c), and Ti 230-500 (d).

b)

Stage II

a)

Stage I

d)

c)

Stage III

Figure 4.5. The derivative of strain with respect to cycle number plotted vs. cycle number for the four different porous structures studied here: Ti 120500 (a), Ti 170-450 (b), Ti 170-500 (c), and Ti 230-500 (d)

b)

a)

Stage I

Stage II

Not loaded

10% stiffness loss

0.3σy
20% stiffness loss

25% stiffness loss

10% stiffness loss

0.6σy
20% stiffness loss

10 mm

25% stiffness loss

Figure 4.6. The appearance of tested samples from different porous structures after 10, 20, and 25% stiffness loss. The samples were tested at two
different stress levels, namely 0.3σy and 0.6σy. The collapse bands are identified in these figures using lines.

Ti 230-500

Ti 170-500

Ti 170-450

Ti 120-500

Series
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More or less the same three stages can be seen in the plot of the derivative of
strain vs. cycle number (Figure 4.5a-d). The boundaries between stages are clearer
in this case. The transition from stage I to stage II occurs in most cases around 10 2
cycles. The strain values recorded in the first stage are in most cases between 2 and
4% (Figure 4.5a-d). The transition from the second to third stage actually defines
the fatigue life of specimens, since the specimen fails within a small number of
cycles after entering the third stage.
For three out of four porous structures (Figure 4.5b-d), the derivative of strain with
respect to cycle number is decreasing within the first stage. For the remaining
porous structure (Figure 4.5a), the derivative of strain with respect to cycle number
is increasing for high stress levels and decreasing for lower stress levels. Within the
second stage (Figure 4.5, stage II), all stress levels show almost identical values for
derivative of the strain with respect to cycle number.
Except for the weakest porous structure (Ti 120-500), the other porous structures
look largely intact after 10 and 20% of stiffness loss (Figure 4.6). After 25% stiffness
loss, those three structures are mostly undisturbed too. The only exception is high
stress (0.6σy) loading of one of the structures, i.e. 170-500, for which collapse bands
are clear in the specimen (Figure 4.6, third row). The collapse bands are identified
with lines in Figure 4.6. For the weakest porous structure, i.e. 120-500, the porous
structure shows collapse bands after 25% stiffness loss for both stress levels (Figure
4.6, first row). When the weakest structure is tested under high stress (0.6σy), the
collapse bands are already clear after 20% stiffness loss (Figure 4.6, first row).
4.4. Discussions
As is clear from the results obtained in this study, the fatigue behavior of porous
titanium alloys manufactured using selective laser melting has certain similarities
with porous metals manufactured using conventional techniques. Probably the
most important similarity between both types of porous metal is the three-stage
strain accumulation pattern that was observed for all tested specimens of the
current study (Figures 4.4-5). The same three-stage strain accumulation pattern has
been observed for porous metals manufactured using conventional techniques [28,
29] as well as additive manufacturing techniques [22]. There are however, some
differences between the behavior of other porous metals and the open porous
titanium alloys studied here. For example, certain strain jumps were observed in
the compression fatigue testing of aluminum foams [28] that are not observed here
(compare Figure 4.5a-d with Figure 4.6a for reference [28]). This can be explained
by more uniform deformation of porous structures manufactured using additive
manufacturing techniques as compared to porous metals manufactured using
conventional techniques. This type of smooth transition between different stages is
also observed for other porous structures that show uniform plastic deformation
[29].
The small differences between the results of overall porosities of dry weighing and
Archimedes measurements could be due to enclosed porosities. Given that those
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differences are very small, enclosed porosities are not considered as a possible
cause for different mechanical behavior of different test series.
The laser process used for production of porous titanium structures could
potentially change the microstructure and mechanical properties of the resulting
material. In a recent study, it was found that the laser processing parameters such
as laser power, scan speed, and hatch spacing could influence the microstructure of
Ti6Al4V [30]. Moreover, it was found that the changes in microstructure are
reflected in micro-hardness values of the resulting material. In the current study
light optical microscopy pictures did not show any clear difference between the
microstructures of different test series (Figure 4.2). Moreover, the microhardness
values were similar between the different series (Table 4.2). Based on those
observations, it can be concluded that the energy density has been similar for all
test series and has resulted in similar microstructural features and mechanical
properties. Therefore, the differences in the overall mechanical performance of the
different porous structures could not be due to differences in laser processing
parameters or the material properties of the solid material.
The fact that normalized S-N curves are mostly overlapping (Figure 4.3b) has
important practical implications. The power law fitted to all data points shows a
very high coefficient of determination, R2=0.94. This power law may therefore be
useful for estimating the S-N curves of porous titanium structures that are created
using the same manufacturing method, i.e. selective laser melting, and for which no
fatigue test data is available. Since fatigue tests are very time consuming and costly,
the possibility of obtaining a fast estimation of normalized S-N curves using the
provided power law is a welcome possibility. One can therefore obtain the yield
stress of any similar porous structure using low-cost and fast static mechanical test
and translate the normalized S-N curve (Figure 4.3b) to a S-N curve with absolute
stress values. Even though the power-law provided in this study is based on
extensive testing of four different porosities, one needs to carry out additional
fatigue tests for other structures with different porosities to make sure the deduced
power law is valid also for porous titanium structures with porosities very different
from the ones tested here.
Even for stress levels as low as 0.2σy, the specimens of all considered porous
structures fail before 106 loading cycles. According to the fitted power-law, the
allowed stress limit is 0.25σy for 105 loading cycles. If the power law is extrapolated
to 106 loading cycles, the estimated allowed stress level is 0.12σy. This is much
lower than the normalized endurance limit of solid Ti6Al4V (i.e. 0.4) [31], and even
somewhat lower than the normalized endurance limits of porous-coated Ti6Al4V
(i.e. 0.15-0.20) [32-34] and electron beam melted Ti6Al4V (i.e. 0.15-0.25) [22].
Similar to electron beam melted porous titanium alloys [22], there are three major
reasons that may have caused this low level of fatigue life for selective laser melted
porous titanium as compared to solid Ti6Al4V. First, the surface of manufactured
porous structures is quite rough (Figure 4.1c-d). This high level of surface roughness
together with high notch sensitivity of Ti6Al4V [22] could cause early crack
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initiation and growth from multiple sites within the porous structure. Second,
intrinsic manufacturing limitations result in a number of low-thickness struts (Figure
4.1b-c). These low thickness struts are the weakest links in the porous structure and
may undergo large plastic deformation even when other struts (with larger
thickness) are not experiencing large deformations. Accumulation of strain in a
number of these low-thickness struts within the volume of porous structure may
result in much lower fatigue life as compared to solid Ti6Al4V where there are no
such weak links. Third, the residual thermal stresses caused by selective laser
melting process could lower the fatigue resistance of porous structures. One could
use heat treatment for removal of residual thermal stresses. It would be therefore
interesting to compare the fatigue properties of heat-treated and as-fabricated
selective laser melted porous structures.
Even though it is relatively clear why the normalized fatigue life of selective laser
melted porous structures is lower than the normalized fatigue life of solid titanium,
it is not immediately clear why the fatigue life of selective laser melted porous
titanium structures is lower than that of selective electron beam melted titanium
made of the same alloy [22]. One major difference between the porous structure
considered here and that of electron beam melted titanium structures studied
elsewhere [22] is the type of unit cell. While dodecahedron unit cell is used in the
current study, diamond type unit cells were used in manufacturing of electron
beam melted titanium structure [22]. The fatigue lives of these two different microarchitectures could be very different. In order to understand the detailed
mechanism of fatigue failure for these unit cells, one needs to study the behavior of
a large number of individual struts during compression fatigue testing. For example,
one could use full-field strain measurement technique such as digital image
correlation [35, 36] to study the distribution of elastic and plastic strain within the
porous structure during compression fatigue testing. Moreover, one needs to
understand the difference between different unit cell types in terms of fatigue
failure and load distribution and transfer through individual struts. Numerical
techniques such as finite element model could be used to study those differences.
The finite element models need to be equipped with advanced fracture models [3741] in order to capture the detailed mechanism of failure during repetitive loading
of the porous structure. It should be, however, noted that short fatigue life is not
necessarily an unfavorable property in case of bone-mimicking biomaterials. In the
following paragraphs, we will discuss the relationship between the observed static
and dynamic mechanical properties of porous titanium structures and the design
requirements of bone-mimicking biomaterials.
The design requirements that an engineering structural material should satisfy are
different from the design requirements of bone-mimicking implant biomaterials. In
particular, engineering structural materials are designed to bear the structural load
for the maximum possible number of loading cycles. The biomaterials that are used
in bone replacement surgeries, while providing adequate mechanical support,
should not be overly stiff. Moreover, these materials should be biocompatible and
do not form fibrous tissue layers that could ultimately result in implant loosening.
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These design requirements have implications in terms of required static and
dynamic properties of porous titanium structures.
First, the mechanical properties of porous titanium structures need to be within the
range of mechanical properties of bone. The results of this study (Table 4.2) show
the Young’s modulus (elastic gradient) of the four different structures considered
here are within the range of mechanical properties of bone reported in the
literature [42].
Second, it is generally agreed that titanium alloys are biocompatible materials [43,
44] and could well integrate within the host bony tissue without formation of
fibrous tissue layer. Indeed, the same build of porous titanium structure was used in
our previous studies and was shown to be biocompatible and osteoconductive [18].
Third, high-porosity porous titanium structures (68-88% porosity, Table 4.1) provide
ample space for bone regeneration and implant fixation. Large volumes of
regenerated bone were observed in one of our previous in vivo studies [18] where
we implanted similar porous titanium structures in segmental bone defects of rat
femora. In such large bony defects, the size of the defect is so large that the bone
cannot regenerate itself without the help of an implant. The implanted biomaterial
needs to provide initial mechanical support and fixation, and transfer the
musculoskeletal load through the diaphysis of femur. The implant biomaterial needs
to be strong enough in terms of yield’s stress (Table 4.2) in order to be able to
transfer the mechanical load without large deformation that could compromise the
fixation of the implant. The yield and ultimate stress values of at least some of the
four structures considered in this study (Table 4.2) are within the range of yield and
ultimate stress values of bone [45]. Moreover, when two of these structures (120500 and 230-500) were used in our previous in vivo study [18], it was seen that they
could provide enough mechanical support and fixation, and transfer the
musculoskeletal load through the diaphysis of rat femur. However, the weaker
porous structure (120-500) was observed to experience fatigue fracture after a few
weeks of implantation [18]. Interestingly, the same weaker structure showed signs
of improved osteoconductivity [18]. In particular, it was found that only for the
weaker structure there was a strong linear correlation between the volume of
regenerated bone and the push-out force of the implant.
The question that needs to be answered is whether or not higher fatigue resistance
is beneficial for better bone regeneration and osteoconductivity. One could argue
that even though enough mechanical support is needed at the beginning of the
implantation, a higher fatigue life may not be necessarily better for long-term
implant fixation and bone regeneration. As bone grows into the pores of porous
titanium structures, the stiffness of the porous structure increases due to the
additional mechanical support provided by the regenerated bone. If the implanted
biomaterial conserves its stiffness for a long period of time, a portion of
musculoskeletal load will be always shouldered by the implant even though the
regenerated bone may be capable of gradually taking the load over from the
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implant. This perpetual load-bearing feature of the implant may impede further
bone regeneration. If the rate of growth of mature bone tissue is in harmony with
the rate of stiffness loss of implanted porous structure, the bone regeneration could
continue unhindered. Once the porous structure has completely lost its stiffness,
bone tissue bears the entire musculoskeletal load. Of course this ideal case is
difficult to materialize partly due to uncertainties regarding the rate of bone
regeneration. The rate of bone regeneration may be different from one anatomical
site to another and from one person to another. Moreover, we currently have
limited knowledge of the fatigue behavior of porous materials in vivo. Nevertheless,
we can at least conclude that maximizing the fatigue life of bone-mimicking porous
biomaterials is not necessarily a justified design criterion.
4.5. Conclusion
The fatigue behavior of porous titanium structures with different porosity levels
manufactured using selective laser melting was studied in this paper. It was
observed that the static mechanical properties of the studied porous structures are
within the reported range of mechanical properties of bone. The absolute S-N
curves of porous structures with higher porosities were found to be lower than
those with lower porosities. However, the normalized S-N curves of all four
structures were mostly overlapping and conforming to a power law (R2=0.94). The
strain vs. cycle number curves showed the three-stage pattern that is typical of
porous metals. There were, however, no strain jumps in the curves, implying a
uniform deformation throughout the structure volume. Even when the stress level
was as low as 0.2σy, none of the tested porous structures could sustain 106 loading
cycles under compression. The normalized endurance limits of the tested structures
are therefore lower than that of solid titanium (with similar alloy) and that of some
other porous titanium structures manufactured using other techniques.
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Chapter 5

Effects
of
bio-functionalizing
surface
treatments on the mechanical behavior of
open
porous
titanium
biomaterials*

Abstract
Bio-functionalizing surface treatments are often applied for improving the
bioactivity of biomaterials that are based on otherwise bioinert titanium alloys.
When applied on highly porous titanium alloy structures intended for orthopedic
bone regeneration purposes, such surface treatments could significantly change the
static and fatigue properties of these structures and, thus, affect the application of
the biomaterial as bone substitute. Therefore, the interplay between
biofunctionalizing surface treatments and mechanical behavior needs to be
controlled. In this paper, we studied the effects of two bio-functionalizing surface
treatments, namely alkali-acid heat treatment (AlAcH) and acid-alkali (AcAl), on the
static and fatigue properties of three different highly porous titanium alloy implants
manufactured using selective laser melting. It was found that AlAcH treatment
results in minimal mass loss. The static and fatigue properties of AlAcH specimens
were therefore not much different from as-manufactured (AsM) specimens. In
contrast, AcAl resulted in substantial mass loss and also in significantly less static
and fatigue properties particularly for porous structures with the highest porosity.
The ratio of the static mechanical properties of AcAl specimens to that of AsM
specimen was in the range of 1.5 to 6. The fatigue lives of AcAl specimens were
much more severely affected by the applied surface treatments with fatigue lives up
to 23 times smaller than that of AsM specimens particularly for the porous
structures with the highest porosity. In conclusion, the fatigue properties of surface
treated porous titanium are dependent not only on the type of applied surface
treatment but also on the porosity of the biomaterial.
*

This chapter is submitted as a scientific paper:
Amin Yavari, S., Ahmadi, S.M., van der Stok, J., Wauthle, R., Riemslag, A.C., Janssen, M.,
Schrooten, J., Weinans, H., Zadpoor, A.A.; Effects of bio-functionalizing surface treatments
on the mechanical behavior of open porous titanium biomaterials, 2014.
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5.1. Introduction
Porous titanium is considered a promising biomaterial for various applications in
orthopedics including bone substitution [1-4] and total joint replacement surgeries
[5, 6]. Recently, there has been a growing interest in such porous metallic
biomaterials, because advanced additive manufacturing techniques such as
selective laser melting have enabled production of highly porous metallic structures
(porosity > 80%) with precisely controlled micro-architectures [7-11]. The ability to
manufacture highly porous titanium with arbitrary micro-architectures presents
many opportunities for the design of orthopedic biomaterials. First, it is now
possible to manufacture porous titanium with mechanical properties in the range of
the mechanical properties of bone and below [12-14]. Second, one could combine
different porous micro-architectures to optimize the distribution of mechanical
properties within orthopedic implants. Third, patient-specific implants can be
manufactured using additive manufacturing techniques [15-18]. Fourth, the
abundance of pore space allows excessive bone ingrowth while the pore space
could also be filled with drug delivery media such as gels for controlled release of
growth factors [19, 20]. Finally, open porous biomaterials have large surface area
that could be modified using bio-functionalizing surface treatment techniques for
improved performance of the implant.
Chemical surface modifications have been shown to effectively bio-functionalize the
surface of titanium and titanium alloys [21-33]. Two important chemical surface
treatments, namely acid-alkali (AcAl) and alkali-acid-heat (AlAcH) treatments are
often used for bio-functionalizing purposes of Ti alloys. As explained below, the biofunctionalizing effects of both surface treatments can be attributed to the microtopography that they create as well as their resulting surface chemistry. As for the
micro-topography, it has been shown that the small-scale features created by AcAl
and AlAcH surface modifications could increase bone regeneration [34, 35]. The
surface chemistry of AcAl and AlAcH treatments work differently. In the AcAl
treatment, the acidic treatment removes the passive oxide layer, while the alkali
treatment creates an amorphous sodium titanate layer [36]. The release of Na+ ion
from the sodium titanate layer could contribute to formation of Ti-OH groups that
facilitate formation of bone-like apatite [37]. In the AlAcH treatment, the alkali
treatment creates a sodium titanate layer [36]. Then, the acidic treatment removes
sodium and contributes to the formation of an amorphous titania [38]. The
subsequent heat treatment transforms the amorphous titania to crystalline titania
(anatase and/or rutile) [38] that is beneficial for the formation of apatite due to a
proper atomic arrangement of the crystalline structure [39].
Even though surface modifications have been shown to affect bio-functionalizing
and improve the interaction of the implant surface with the host tissue, they might
also have consequences in terms of the mechanical properties, especially for open
porous implants that have a completely different surface to volume ratio as
compared to dense Ti implants. Since chemical surface treatment of open porous
structures is often associated with strut erosion and creates micro-features on the
surface, it is not clear how the static and dynamic mechanical properties of the
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porous structure change after such modifications. The modifications might be
particularly detrimental to the fatigue properties of porous structures, as these
complex geometrical constructs are generally more sensitive to notches and stress
concentration sites due to their high surface to volume ratio.
In this paper, we studied the effects of AlAcH and AcAl chemical surface
modifications on the static and dynamic mechanical properties of porous titanium
structures for three different porosities. In particular, we studied how the
mechanical properties of the porous structures change as compared to asmanufactured materials. The porous structures were scanned using micro-CT and
the images were analyzed to determine the morphological parameters of the
porous structures. The porous structures were subsequently subjected to static and
dynamic mechanical testing. A statistical analysis was performed to determine
whether the static and fatigue properties of the surface-treated structures are
significantly different from those of as-manufactured structures.
5.2. Materials and methods
5.2.1. Materials and manufacturing

An additive manufacturing technique, namely selective laser melting (Layerwise NV,
Belgium), was used for manufacturing open porous titanium alloy structures based
on a dodecahedron unit cell. Cylindrical specimens with an approximate diameter
of 10 mm and a length of 15 mm were used for mechanical testing. Spherical prealloyed Ti6Al4V ELI powder according to ASTM B348, grade 23 was used to
manufacture porous structures with three different porosities (Table5.1) in an inert
atmosphere atop a solid titanium substrate. The samples were subsequently
removed from the substrate using wire electro-discharge machining.
Table 5.1 The morphometric parameters of three different surface conditions and three different
porous structures calculated based on micro-CT images.
Series name

Ti 120-500

Ti 170-500

Ti 230-500

Porosity (%)

AsM
84.7

AlAcH
85

AcAl
90.2

AsM
85.6

AlAcH
85.7

AcAl
90

AsM
76.2

AlAcH
76.2

AcAl
81

Pore size (μm)

564±146

557±154

600±149

656±184

656±185

708±182

641±207

636±203

630±207

Strut size (μm)

146±42

144±41

116±37

176±55

172±51

147±49

229±48

227±58

200±52

5.2.2. Chemical surface modification

Two bio-functionalizing surface treatments from the literature were used. In the
alkali-acid-heat treatment (AlAcH), specimens were first immersed in 5M NaOH
solution for 24 hours at 60 °C and subsequently washed gently with distilled water.
Thereafter, the samples underwent hot water treatment for 24 hours at 40 °C
followed by immersion in 0.5 mM HCl (24 hours at 40 °C). Then, the specimens
were dried in an oven at 40 °C for 24 hours. After drying, the scaffolds were heated
with a rate of 5 °C/min up to 600 °C and were kept for 1 hour at this temperature.
Finally, the specimens were cooled down to the room temperature in the furnace
[38].
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In the second technique, the acid-alkali (AcAl) treatment, samples first were
immersed in a mixture of 18% HCl and 48% H2SO4 aqueous solutions at 70 °C for 1
hour and subsequently in 6M NaOH solution at 70 °C for 5 hours. After washing
gently in distilled water, the samples were dried at an oven at 40 °C for 24 hours
[37].
5.2.3. Surface analysis

The surface properties of manufactured and surface treated specimens were
evaluated using a JEOL (JSM-6500F, Japan) scanning electron microscope (SEM)
equipped with energy-dispersive x-ray spectroscopy (EDS) facility. Pore size, strut
size, and porosity were measured using micro computed tomography (micro-CT)
images obtained using a Skyscan 1076 micro-CT system (Bruker micro-CT N.V.,
Kontich, Belgium). For each series, one random sample was scanned over a total
height of 6 mm using an 18-μm protocol (95 kV, 100μA, 1mmCu filter, 0.5 degree
rotation step, frame averaging of °3). Subsequently, micro-CT images were
reconstructed using Skyscan NRecon software (Bruker micro-CT N.V., Kontich,
Belgium) (Table 5.1).
5.2.4. Static mechanical testing

Static compression of three specimens from each porosity group was carried out in
accordance with the ISO standard 13314:2011 with a constant deformation rate of
1.8 mm/min using an INSTRON 5985 mechanical testing machine (100 kN load cell).
The stress-strain curves of all specimens were evaluated and the following values
were calculated based on the guidelines of the ISO standard (13314:2011):
maximum compressive strength (σmax), plateau stress (σp) as the arithmetical mean
of the stresses between 20% and 40% compressive strain, and the elastic gradient
(Eσ20-70) as the gradient of the elastic straight line between two stress values, namely
σ70 and σ20 (Table 5.2).
Table 5.2. The mechanical properties measured for every one of the three porous structures.
Series
Ti 120-500
Ti 170-500
Ti 230-500

σmax
(MPa)
19.4±0.3
42.8±3.5
117.2±1.1

σpl
(MPa)
15.8±1.2
34.8±3.4
91.8±2.7

Eσ20-σ70
(GPa)
0.55±0.07
1.40±0.03
3.49±0.02

As previously explained [40], plateau stress and elastic gradient of porous Ti
biomaterials are respectively the closest concepts to the concepts of yield stress
and Young’s modulus of the solid biomaterial. We will therefore sometimes refer to
the plateau stress as yield stress. The elastic gradient will be similarly referred to as
the Young’s modulus.
5.2.5. Fatigue tests

A protocol similar to the one used in our previous study on the fatigue behavior of
as-manufactured porous structures [40] was used for fatigue testing of surface
treated specimens under compression. A hydraulic test frame (MTS, Minneapolis,
US) with a 25 kN load cell was used for compression-compression fatigue testing of
surface treated and as-manufactured (AsM) specimens. A constant loading
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frequency (15 Hz, sinusoidal wave shape) and a constant load ratio, R= 0.1, were
used. Two stress levels, respectively corresponding to 0.35σp and 0.5σp, were
chosen and three specimens were tested for each stress level. Once the specimens
lost 90% of their initial stiffness, they were considered to have failed.
5.2.6. Microstructural analysis

From each series, one random sample was prepared for microstructural and
microhardness analysis. The selected samples were first grinded (SiC 320 and MDLargo 9μm), then polished (MD-Chem OP-S 0.04 μm), and finally etched by
immersing them in a mixture of 50 ml H2O, 25 ml HNO3, and 5 ml HF. The samples
were observed using an optical microscope (Olympus BX60M). An automated
microhardness tester (Dura Scan, Struers) with a load of 100 gf was used to
determine the Vickers hardness. Twelve indentations were made on each sample.
5.2.7. Statistical analysis

The mechanical properties of the three groups of as-manufactured and surfacetreated specimens were compared using analysis of variance (ANOVA) followed by
Tukey-Kramer post-hoc analysis. A significance threshold of p < 0.05 was used.
5.3. Results
The surfaces of the AsM specimens were largely featureless at the sub-micron scale
and showed a bulk chemical composition corresponding to the Ti alloy powder
used, i.e. Ti6Al4V ELI (Figure 5.1). Both AlAcH and AcAl specimens showed nanoscale features in the range of a few hundred nanometers (Figure 5.1). EDS analysis
of the AlAcH specimens showed oxygen peaks, confirming the formation of oxide
layers. Both sodium and oxygen peaks were identified on the surface of AcAl
specimens (Figure 5.1).
The results of morphometric analysis based on micro-CT images showed that the
porosity of the AcAl specimens is in all cases larger than that of AlAcH and AsM
specimens (Table 1). There is, however, not much difference between the porosity
of AlAcH and AsM specimens (Table 5.1). As for the strut size and pore size, the
mean strut size of AcAl is smaller and mean pore size of AcAl specimens is larger
than those of AlAcH and AsM specimens (Table 5.1). However, the standard
deviations are relatively large and no significant differences were found based on
local strut and pore size analysis. In terms of absolute static mechanical properties,
the AlAcH specimens were not weaker than the AsM specimens except for the
plateau stress of the Ti 170-500 structures treated with AlAcH that was significantly
lower than that of the AsM specimens (Figure 5.2). The AcAl specimens were in all
cases significantly weaker than both AsM and AlAcH specimens except for the case
of plateau stress of Ti 230-500 (Figure 5.2). The relative mass of the AlAcH
specimens was slightly, but significantly, less than that of the AsM specimens for the
two higher porosities (Figure 5.3). The relative mass of the AlAcH specimens was,
however, not significantly different from the AsM specimens for the least porous
structure (Figure 5.3). The relative mass of the AcAl specimens was in all cases
substantially less that of both AsM and AlAcH specimens (Figure 5.3).
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Figure 5.1. The surface morphology and EDS map of AsM (a, d, g), AlAcH (b, e, h), and AcAl (c, f, i) specimens.
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Figure 5.3. Weight of porous titanium alloy scaffolds with different porosities and different
types of surface treatments.

The fatigue life of the AlAcH specimens were generally not significantly different
from that of the AsM specimens except for the high stress (0.5σp) condition of the
most porous structure, i.e. Ti 120-500 where the fatigue life of the AlAcH specimens
were significantly lower than that of the AsM specimens (Figure 5.4).
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Figure 5.4. Cycles to failure for the AsM and surface-treated specimens tested under two
different fatigue stress levels: 0.35σp (a) and 0.5σp (b).
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However, the fatigue life of the AcAl specimens was significantly lower than that of
AsM and AlAcH specimens for both stress levels and all porosities (Figure 5.4).
The typical three-stage development of strain vs. number of loading cycles was
observed for both AsM and surface treated specimens (Figure 5.5).

Figure 5.5. Development of strain in three sample fatigue specimens from within the three
surface conditions studied here. The three-stage strain development behavior typical of
porous biomaterials can be clearly seen.

There was not much difference between the strain vs. loading cycle curves of AsM
and AlAcH specimens (Figure 5.5). The microstructure of heat-treated specimens
was not different from that of the AsM specimens (Figure 5.6).

a)

b)

Figure 5.6. Microstructure of specimens treated with AcAl (a) and AlAcH (b) under optical
microscopy.

In addition, there was no significant difference between the Vickers microhardness
of different experimental groups (Figure5.7).
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Figure 5.7. The Vickers microhardness measured on some samples of the different
experimental groups.

5.4. Discussions
There are at least three potential mechanisms that could influence the macroscopic
static and dynamic (fatigue) mechanical properties of surface-treated open porous
titanium alloy biomaterials.
First, surface treatment based on the above-mentioned acidic and basic solutions
may result in material erosion and, thus, strut weakening. The severity of the
resulting erosion is dependent on the concentration of the eroding agents in the
surface treatment solution and the immersion time. This mechanism tends to
decrease stiffness, static strength, and fatigue life of surface-treated porous
structures.
Second, if the erosion caused by surface treatments is not too severe, it may
remove some of the notches and irregularities that could be potential crack
initiation sites. The influence of this mechanism is also dependent on the
concentration of the treatment reagents and the duration of surface treatments.
This mechanism tends to increase static strength and particularly fatigue resistance
of the porous implants.
The third mechanism relates to the effect of AlAcH heat treatment on the
mechanical properties of the matrix material. The applied heat treatment may also
modify the distribution of residual stresses originating from the SLM processing.
Depending on the temperature and duration, the heat treatment applied in AlAcH
may increase or decrease the static and fatigue mechanical properties of AlAcH
specimens.
As for the first mechanism, the results of this study show that both AlAcH and AcAl
result in mass loss (Figure 5.3). However, the mass loss of AlAcH is much less than
that of AcAl treatment. For example, the mass of AlAcH and AsM specimens are not
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significantly different for the Ti 120-500 structure. It could be therefore concluded
that both AcAl and AlAcH specimens probably experience some level of strutweakening by the volumetric material loss as confirmed by the smaller mean strut
sizes of AcAl and AlAcH specimens as compared to the AsM specimens (Table 5.1).
There was no indication that the second mechanism was active for the AlAcH
specimens as the surface morphology was not cleaner than that of the AsM
structures and potential crack initiation sites were most likely not removed (Figure
5.8a-b). As for the AcAl specimens, there was a clear removal of some of the surface
asperities and potential crack initiation sites (Figure 5.8c).

b)

a)

c)
Figure 5.8. The structure of sample specimens from AsM (a), AlAcH (b), and AcAl (c) groups
(Ti 230-500).

As for the third mechanism, the AlAcH specimens did not show a significantly
different microstructure or microhardness as compared to AsM or AcAl specimens
(Figures 5.6-7). It was therefore concluded that the applied heat treatment had not
significantly changed the mechanical properties of the matrix material. In a
previous study, we found that the applied heat treatment could, however, change
the distribution of the residual stresses left from laser processing [41] because the
applied heat treatment is somewhat similar to stress relief heat treatments [42]
applied to titanium alloys.
In case of AlAcH, the slight decrease in the mass of the AlAcH specimens (Figure
5.3) does not significantly affect the mechanical properties of the AlAcH specimens.
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As a result, the static and fatigue mechanical properties of AlAcH and AsM
specimens are largely similar. In some occasional cases, the AsM specimens show
significantly better mechanical performance (e.g. Ti 170-500 in Figure 5.2b or Ti
120-500 in Figure 5.4b). Occasionally, the AlAcH specimens also show slightly
improved mechanical performance (Ti 230-500 in Figure 5.2c).
In case of the AcAl specimens, the substantial mass loss caused by the surface
treatment results in significantly lower static and fatigue mechanical properties
(Figures 5.2, 5.4). In certain cases, the mechanical properties of the AcAl specimens
are a fraction of those of AsM and AlAcH specimens (Figures 5.2, 5.4). As for the
static mechanical properties, the ratio of the mechanical properties of the AsM
specimens to those of the AcAl specimens is in the range of 1.5-6 (Figure 5.2). Even
more drastic differences can be found in the number of loading cycles that the AcAl
specimens can withstand with up to a 23-fold decrease in the number of cycles to
failure (Figure 5.4).
Although the above-mentioned trends may not be valid for all mechanical
properties and all porosities, no real exceptions are found and there is no clear
indication that the above-mentioned trends are porosity-dependent. The only
exception is the fatigue life of the AcAl specimens relative to that of the AsM
specimens. For the two higher porosities, there is a significant reduction, but for the
highest porosity, i.e. Ti 230-500 structure, the fatigue life is significantly higher. This
might be explained by two of the above-mentioned mechanisms. Since the AcAl
treatment removes some of the potential crack initiation sites from the surface of
the porous scaffolds, it might somewhat improve the fatigue life of porous
structures. For Ti 120-500 and Ti 170-500 structures, the effect of this second
mechanism is not strong, as the struts are already quite thin and the fatigue life of
the AcAl specimens is dominated by their substantial mass loss (first mechanism).
For the least porous structure, i.e. Ti 230-500, the struts are quite thick and mass
loss due to surface treatment has a moderate effect. The effect of eliminating
potential crack initiation sites may therefore be more pronounced.
The surface treatments applied here are shown to be effective in biofunctionalization of titanium alloys surfaces that are otherwise bio-inert [43, 44].
Improved bioactivity of the surfaces could, for example, be caused by modified
surface chemistry that stimulates apatite formation on the surface of the
biomaterial [45-47]. Osseointegration of the implant will be then easier and bone
apposition on the surface of the biomaterial could more easily happen [48, 49]. In
case of solid titanium biomaterials, surface treatment is not expected to
significantly modify the mechanical properties as solid materials have limited
surface area. Moreover, solid titanium biomaterials are generally much stronger
mechanically as compared to highly porous titanium structures studied here as the
latter are optimized for low stiffness and, thus, minimum stress shielding. It is
therefore more likely that the surface treatment of highly porous titanium
biomaterials results in structures that are no longer strong enough. Additionally the
stiffness of open porous titanium is important also in terms of mechanobiological

Effects of Surface Treatments on the Mechanical Behavior of Porous Titanium

73

regulation of the bone regeneration process, because the stiffness of the porous
implants could change stress and strain distribution within the host tissue and could
therefore cause different patterns of bone apposition [50-52]. Having too strong
mechanical properties is therefore not necessarily a favorable property for porous
bone substitutes. One should optimize the mechanical properties of porous
implants such that they show enough static and dynamic mechanical integrity
without hampering the bone regeneration process due to stress shielding. A similar
optimization work has been recently performed where an iterative process was
used for comparing the actual surface properties of selective laser melted
specimens with their desired properties [53].
5.5. Conclusion
Due to the large surface area of highly porous materials, application of surface
treatments might notably change their mechanical properties. In this study, the
effects of two types of surface treatments including acid-alkali and alkali-acid-heat
treatments on the static and fatigue properties of porous titanium alloy implants
with different porosities were studied. It was observed that the AlAcH treatment
resulted in minimal mass loss and, thus, the static and fatigue properties of AlAcH
specimens were not much different from those of the AsM specimens. In contrast,
the AcAl specimens experienced substantial mass loss and, hence, significant loss of
both static and fatigue properties. As for the static properties, the ratio of the
mechanical properties of the AsM specimens to those of the AcAl specimens was in
the range of 1.5-6 whereas the fatigue life of the AcAl specimens was up to 23 times
smaller than that of the AsM specimens particularly for porous structures with a
higher porosity.
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Chapter 6

Crystal structure and nanotopographical
features on the surface of heat-treated and
anodized
porous
titanium
biomaterials
produced using selective laser melting*

Abstract
Porous titanium biomaterials manufactured using additive manufacturing
techniques such as selective laser melting are considered promising materials for
orthopedic applications where the biomaterial needs to mimic the properties of
bone. Despite their appropriate mechanical properties and the ample pore space
they provide for bone ingrowth and osseointegration, porous titanium structures
have an intrinsically bioinert surface and need to be subjected to surface biofunctionalizing procedures to enhance their in vivo performance. In this study, we
used a specific anodizing process to build a hierarchical oxide layer on the surface of
porous titanium structures made by selective laser melting of Ti6Al4V ELI powder.
The hierarchical structure included both nanotopographical features (nanotubes)
and micro-features (micropits). After anodizing, the biomaterial was heat treated in
Argon at different temperatures ranging between 400 and 600 °C for either 1 or 2
hours to improve its bioactivity. The effects of applied heat treatment on the crystal
structure of TiO2 nanotubes and the nanotopographical features of the surface
were studied using scanning electron microscopy and X-ray diffraction. It was
shown that the transition from the initial crystal structure, i.e. anatase, to rutile
occurs between 500 and 600 °C and that after 2 hours of heat treatment at 600 °C
the crystal structure is predominantly rutile. The nanotopographical features of the
surface were found to be largely unchanged for heat treatments carried out at 500
°C or below, whereas they were partially or largely disrupted after heat treatment
at 600 °C. The possible implications of these findings for the bioactivity of porous
titanium structures are discussed.
*

This chapter published as a scientific paper:
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nanotopographical features on the surface of heat-treated and anodized porous titanium biomaterials
produced using selective laser melting. Applied Surface Science 2014;290:287.
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6.1. Introduction
Titanium and its alloys are considered biocompatible materials [1-3] and are
commonly used for manufacturing of different types of orthopedic implants
including the ones used in joint replacement surgeries [4-6] and bone grafting [7,
8]. The elastic moduli of solid titanium materials are, however, much higher than
that of the bone they replace, resulting in the stress-shielding phenomenon [9, 10].
Porous titanium structures are suggested as replacements for solid titanium
materials, with their high porosity resulting in much lower overall elastic moduli
that are comparable with or even below that of bone [11, 12]. In addition to
eliminating the stress-shielding phenomenon, porous titanium structures offer
other advantages such as ample space for bone ingrowth and simpler handling by
surgeons.
Recently developed additive manufacturing techniques such as selective laser
melting [13-15] enable manufacturing of regular porous structures with precisely
controlled pore shape, pore size, and pore distribution within the biomaterial. It is
therefore possible to manufacture biomaterials with arbitrary distributions of
mechanical and physical properties. Since bone apposition [16-19], implant
performance [20, 21], and osseointegration [22, 23] are dependent on mechanical
loading, the possibility to precisely control the distribution of the mechanical
properties of biomaterials could be potentially useful for improving the long-term
performance of bone-mimicking porous biomaterials.
The surface of biomedical materials is often treated using surface engineering
techniques to improve the (biological) performance of the materials [24-27]. Since
titanium alloys are bio-inert materials, surface treatments and coatings are often
applied to improve their bioactivity [28-32]. Anodizing is one of the surface
treatment techniques that have been applied for creating TiO2 nanotubes and
hierarchical structures that have shown to improve the bioactivity of bulk/solid
titanium alloys [28, 33-35]. In most studies, anodizing has been applied on solid
titanium, while one recent study has applied it on porous titanium manufactured
using conventional manufacturing techniques such as the space-holder method
[36]. However, anodizing has not been applied on selective laser melted titanium
alloys.
In this study, we apply anodizing on porous titanium alloy structures manufactured
using an additive manufacturing technique, namely selective laser melting (SLM).
Despite many advantages that they offer, selective laser melting machines are not
currently capable of controlling the surface morphology of the produced
biomaterials at the micro-scale [37]. The anodizing process is therefore applied to
improve the bioactivity of porous titanium structures for bone grafting applications.
It has been shown that the anodized titanium structures need to be heat-treated in
order to stabilize the oxide layer [36]. Choosing the correct combination of heattreatment temperature and duration is important. On the one hand, the heattreatment temperature should be high enough and the duration long enough to
allow stabilization of the oxide layer. On the other hand, if the temperature is too
high and/or if the heat treatment takes too long, an increasing amount of the initial
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crystal structure of the oxide layer, namely anatase, may convert to rutile [38-40].
Since the phase composition of the oxide layer, i.e. the ratio of anatase to rutile
phase, regulates the rate of apatite formation and, thus, bioactivity of the
biomaterial [41-44], it is important to choose the optimal heat treatment
parameters. Even though there are some guidelines in the literature regarding the
effects of temperature on the crystal structure of TiO2 applied on the surface of
solid titanium material [40], there are no such guidelines for porous titanium alloy
structures particularly the ones manufactured using selective laser melting. The
highly porous build of porous structures and their high surface to volume ratio
means that the heat transfer dynamics and air flow through their pores and the
structure of the formed oxide layers are different from those of solid titanium alloy
materials. It is therefore important to study how different combinations of heat
treatment temperature and duration influence the crystal structure of TiO 2
nanotubes created on the surface of porous titanium alloy structures.
In this study, we first optimized the anodizing process to obtain a consistent
hierarchical oxide layer throughout the selective laser melted porous titanium
structures. Then, the anodized porous structures were heat treated at three
different temperatures, namely 400, 500, and 600 °C, for two different durations,
namely 1 and 2 hours. The crystal structures of the resulting oxide layers were
characterized using scanning electron microscopy and X-ray diffraction.
6.2. Materials and methods
6.2.1. Materials and manufacturing

Selective laser melting technique was used for manufacturing of porous titanium
alloy structures (Layerwise NV, Belgium). The architecture of the porous structures
was closely controlled and was based on a dodecahedron unit cell. Spherical prealloyed Ti6Al4V ELI powder according to ASTM B348, grade 23 was used. The design
(nominal) values of the micro-architectural dimensions were as follows: strut size
=120 μm, pore size = 500 μm, porosity= 88%. The samples were produced in an
inert atmosphere and were built on top of a solid titanium alloy substrate.
Subsequently, the samples were removed from the substrate using wire electrodischarge machining (EDM). The specimens were fabricated in the shape of disks
(Ø8 mm × L3 mm). The actual -as-manufactured micro-architecture of the samples
was characterized using micro-computed tomography (μ-CT). The μ-CT images were
subsequently segmented using a global threshold for detecting the titanium
structure. The morphometric parameters of the porous structure including pore
size, strut size, and the average structure porosity were then determined using the
segmented μ-CT images and 3D morphometry algorithms using an algorithm
describe elsewhere [45].
6.2.2. Surface treatment

Prior to surface treatment, the samples were immersed in an acidic mixture (2 mL
48% HF, 3 mL 70% HNO3 (both Sigma–Aldrich) and 100 mL distilled water) for 5 min
to remove the naturally formed oxide layer. The titanium alloy structures served as
anode in the anodizing process, while an inert platinum mesh was used as cathode.
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Copper wires connected the anode and cathode, respectively, to the positive and
negative ports of a 60V/20A power supply (CPX400SP; Aim TTI). During the
anodizing process, the anode and cathode were kept in parallel with a separation
distance of about 3 cm, while being submerged in an electrolytic solution in a Teflon
beaker (VWR). A dilute 0.5 wt% HF (Sigma –Aldrich) solution was used as the
electrolyte.
Since porous titanium structures have a very distinct internal geometry from solid
titanium materials, the anodizing parameters that are reported in the literature for
solid titanium samples could not be used for anodizing porous titanium samples. In
the most general case, the parameters of the anodizing process could be different
even for different designs of porous titanium alloys. We therefore needed to
optimize the parameters of the anodizing process for every new porous titanium
structure. In this study, we kept the anodizing voltage constant at 20 V while using
different anodizing times, namely 30 s, 1 min, 2 min, 5 min, 30 min, 45 min, 60 min,
90 min, 120 min and 240 min. The structure of the oxide layers resulting from the
different sets of parameters were examined using scanning electron microscopy
and the optimum structure in appearance (60 min) was chosen for the remainder of
the study. The selection was based on obtaining an ordered hierarchical structure
(both micro- and nano-features) throughout the surface of the specimens. A
number of samples were anodized using the optimized anodizing parameters and
were used for heat treatment. The morphometric parameters of the anodized
samples were measured using μ-CT with a procedure similar to the one explained
above.The anodized samples were heat treated at three different temperatures,
namely 400, 500 and 600 °C, and for two different durations, namely 1 and 2 hours.
The heat treatment was carried out in an Argon furnace with a pressure of 100
mmHg. The furnace was heated at a rate of 10 °C/min to the annealing temperature
and was kept at the annealing temperature for the duration of heat treatment.
Afterwards, the furnace was turned off and the samples were allowed to cool down
in the furnace.
6.2.3. Surface analysis

The surface structure of samples was observed using a JEOL (JSM-6500F, Japan)
scanning electron microscope (SEM). The heat-treated samples were mounted and
etched using an etching reagent (98 ml saturated oxalic acid in H2O + 2ml HF) and
were subsequently observed using an optical microscope (Olympus BX60M)
equipped with polarization facility (U-DICR prism UMPL LMPL).
Phase analysis of the heat-treated samples was carried out to characterize the
crystal structure of TiO2 nanotubes. The phase analysis was carried out by X-ray
diffraction (XRD) using a Bruker D5005 diffractometer equipped with Huber
incident-beam monochromator and Braun PSD detector. Data collection was
performed at room temperature using monochromatic copper radiation Kα1
(λ=0.154056 nm). Data was recorded between 22 and 37° 2θ with a step size of
0.038° 2θ and a counting time per step of 120 s. Divergence slit was 1 mm. The
samples were placed on a Si <510> wafer and were rotated during the
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measurement. The measurements of each sample were repeated 6 to 8 times
depending on the intensity of the signal and were summed. The peak areas of the
anatase {101}, rutile {110} and Ti6Al4V {100} reflections were determined using the
Bruker program EVA.
6.3. Results
Selective laser melting resulted in a regularly structured porous material with a
geometry close to that of the production file (Figure 6.1a). The struts had clear
marks of the melting process and showed certain variations in their diameter along
their length (Figure 6.1b). The as-manufactured surface of the titanium alloy
structure was featureless with some indications of powder that was not fully
adhered to the rest of structure (Figure 6.1c). The chemical composition of the asmanufactured samples was the typical chemical composition of Ti6Al4V ELI with
distinct Ti, Al, and V peaks and absence of other element peaks (Figure 6.1c). The
results of the μ-CT scanning and subsequent image processing showed that the
actual pore size, strut size, and the porosity of the porous structure were
respectively 560±173 μm, 140±38 μm, and 84.22%.

100 μm

a)

c)

100 μm

b)

10 μm

Figure 6.1. The surface of the as-manufactured titanium alloy structure imaged at different
magnifications and the chemical composition of the material.

The anodizing process resulted in a hierarchical structure composed of microfeatures as well as nanotube arrays (Figure 6.2a). The sizes of the micro-features
were in the range of a few micrometers (Figure 6.2a). Cross-section and oblique
angle images (Figure 6.2b) confirmed the presence of nanotubes. The nanotube
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arrays had a very regular structure with diameters varying between ≈25 and ≈35 nm
(Figure 6.2c-d). The peaks indicating the presence of oxygen appeared in the
chemical composition of the anodized sample surfaces (Figure 6.2e). After
anodizing, the morphometric parameters of the porous structures measured using
μ-CT were as follows: pore size = 560±140 μm, strut size = 175±50 μm, porosity =
86.00%.

1 μm

a)

1 μm

c)

b)

d)

200nm

200nm

e)
Figure 6.2. The structure of sample anodized specimens: The hierarchical structure
including micro- and nano-features (a), nanotubes from an oblique view (b), the hexagonal
structure of the porous titanium alloy (c), and the size and regularity of nanotubes (d). The
chemical composition at the surface of a sample anodized specimen (e).

After heat treatment, the structures of the nanotubes were drastically different
depending on the parameters of the heat treatment process (Figure 6.3a-f). For
400°C, there was no major disruption of the nanotube layers neither for 1 h
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duration nor for 2 h (Figure 6.3a-b). The appearance of the nanotube layers was
also chiefly intact when samples were heat-treated at 500 °C for 1 h (Figure 6.3c).
There was an increased incidence of disrupting particles (white dots in Figures 6.3b
and d) when the duration of the heat-treatment was 2 h.

a)

1 μm

b)

1 μm

c)

1 μm

d)

1 μm

Disruption and closure
of nanotubes

Disruption and closure of nanotubes
and appearance of micro-scale sized phase

e)

1 μm

f)

1 μm

Figure 6.3. Figure 3. The appearance of the nanotube layers after heat treatment at 400 oC
for 1 h (a) and 2 h (b), at 500 oC for 1 h (c) and 2 h (d), and at 600 oC for 1 h (e) and 2 h (f).

The structure of the nanotube layers was drastically influenced when the heat
treatment was performed at 600 °C (Figure 6.3e-f). The appearance of the oxide
layer showed significant changes after 1 h of heat treatment at 600 °C (Figure 6.3e)
including partial closure of nanotubes and appearance of new crystal shapes. The
nanotubes were almost entirely closed when the heat treatment was continued
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until 2 h (Figure 6.3f). Large micro-scale sized phases were apparent on the surface
of anodized samples that were heat treated at 600 °C for 2 h (Figure 6.3f).
Ti6Al4V: T
Anatase: A
Rutile: R

600°C, 2h
R

A

R
T

600°C, 1h
R

A

T
500°C, 2h
A

R
T
500°C, 1h

A

R
T
400°C, 2h

A
T
400°C, 1h

A
22

24

26

28

30

32

34

36

Figure 6.4. The XRD profiles of the heat-treated specimens with different combinations of
heat treatment temperature and duration.

The crystal structure of TiO2 nanotubes consisted of only anatase for samples heat
treated at 400 °C regardless of the heat treatment duration (Figure 6.4).
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For 500 °C, the rutile peak also appeared in the X-ray diffraction map of the
anodized samples (Figure 6.4). However, the rutile peak was barely larger than the
level of noise in the measurements. When the heat treatment was performed at
600 °C, a very clear rutile peak appeared in the XRD maps. When the duration of
the heat treatment was 1 h, the anatase and rutile peaks were more or less similar.
When the duration of heat treatment at 600 °C increased to 2 h, the anatase peak
started to disappear while the rutile peak increased in size and a clear second rutile
peak also appeared (Figure 6.4). The peak widths of Ti6Al4V {100} reflections were
generally smaller for higher heat treatment temperatures (Table 6.1).
Table 6.1. The peak width of Ti6Al4V {100} reflections.
Temperature (oC)

Duration (h)

FWHM1
o2θ
400
1
0.54
400
2
0.59
500
1
0.39
500
2
0.43
600
1
0.39
600
2
0.23
1FWHM: Full Width Half Maximum

The duration of heat treatment also influenced the width of Ti6Al4V {100}
reflections. For 400 and 500 °C, the peak width was smaller for shorter durations of
heat treatment, whereas the reverse held for 600 °C (Table 6.1). The microstructure
of the matrix material was similar regardless of the heat treatment temperature
and the duration of the heat treatment process (Figure 6.5), indicating that the heat
treatment had not markedly changed the microstructure of the samples.

a)

b)

c)
Figure 6.5. Some sample optical microscopy pictures showing the microstructure of
specimens heat treated at 400 oC for 2 h (a), 500 oC for 2 h (b), and 600 oC for 1 h (c).
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6.4. Discussions
The anodizing and the subsequent heat treatment procedure used in this study
were successful in creating a hierarchical surface structure on porous titanium alloy.
The hierarchical structure was composed of nano-features (nanotubes) and microfeatures (micropits). It has been shown that hierarchical structures similar to the
structure reported in this study could increase the bioactivity of the titanium alloybased materials that are used as bone implants [28, 46, 47]. This is the first time
that the generation of such hierarchical structures on the surface of porous
titanium alloy structures manufactured using selective laser melting has been
reported in the literature. The presence of a porous structure is of particular
importance, because a third class of features, namely pore-scale features, is added
to both previous classes of micro- and nano-features, resulting in a three-level
hierarchical structure.
The bioactivity of such hierarchical materials can be attributed to their
morphological features, topographical features, and their crystal structure. As for
the morphological features, it has been shown that the presence of pores allows for
bone ingrowth and improved osseointegration [8, 12]. In addition, the
nanotopographical features created on the surface of anodized specimens could be
important for improved bone cell activity. For example, it has been shown that
nanotopographical cues could regulate the differentiation of mesenchymal stem
cells and increase the expression of early osteogenic progenitors [48]. Moreover, it
has been observed that TiO2 nanotubes could augment the performance of bone
cells [34, 47, 49, 50]. It is therefore important that the nanotopographical features
created on the surface of anodized samples are preserved after heat treatment.
The crystal structure of TiO2 is also suggested to play a role in the bioactivity of
anodized titanium alloy biomaterials [42-44]. Kokubo and co-workers have
suggested that the negative charge of the anatase structures in the simulated body
fluid (SBF) solution can enhance Ca ion absorption from the SBF solution [44]. The
absorbed Ca ions can subsequently attract PO4 ions from the SBF solution and form
apatite layers on the surface of the biomaterial [44, 51, 52]. In addition to the
negative-charge argument, it has been argued that the specific crystal structures of
anatase and/or rutile may be good matches for the crystal structure of apatite and,
thus, stimulate the growth of apatite layers [42-44]. However, there is a
disagreement in the literature as to which crystal structure is more beneficial for
the growth of apatite layers. While some studies show that anatase structures are
more beneficial [41, 43], other studies suggest that rutile or a combination of
anatase and rutile structures is the optimal combination for maximizing apatite
formation [42, 44].
The results of this study show that the parameters of the heat treatment process
have significant influence both on the crystal structure and the morphology of TiO2
nanotubes. It is therefore important to optimize the parameters of the heat
treatment process such that the bioactivity of the resulting materials is maximized.
As for the crystal structure, low temperature heat treatments, i.e. below 500 °C,
keep the crystal structure of nanotubes in its original phase, i.e. anatase. For high
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temperature heat treatments, i.e. above 600 °C, the crystal structure is mostly
rutile. It could therefore be concluded that the transition of the crystal structure
from anatase to rutile starts somewhere between 500 and 600 °C and is not
complete even after 2 hours of heat treatment at 600 °C. The morphology of the
nanotube layers is also influenced by the applied heat treatment. While the regular
structure of the nanotubes is intact for heat treatments performed at 500 °C or
below, it becomes disrupted after heat treatment at 600 °C particularly when the
heat treatment is done for 2 hours. Given that there is no consensus in the
literature as to which crystal structure is the best crystal structure for bioactivity, it
is not possible to suggest a specific range of heat treatment temperatures for
porous titanium alloy structures. More extensive studies on the influence of the
crystal structure on apatite forming ability are therefore needed.
Regarding the topography of the surface, it is clear that the regularity of the
nanotube layers is lost when the samples are heat treated at 600 °C. Even though
there are still some (mostly irregular) nano-features present on the surface of the
anodized samples, there is no control over the size and distribution of the features
nor do the features have a regular structure. It is therefore important to study how
the irregularity of the nanotopographical features influences the response of bone
cells. Since the bioactivity pathway of nanotopographical features may not be only
related to the apatite-forming ability of the surface, preferably in vitro cell assays
should be used in addition to SBF immersion tests for evaluating the effects of
modified nanotopographical features on the bioactivity of heat-treated anodized
samples.
Based on the μ-CT measurements, the morphometric parameters of the porous
structure are not significantly different before and after anodizing, meaning that
the micro-architecture of the porous structure remains intact during the anodizing
process.
Since the peak widths of the Ti6Al4V {100} reflections were smaller for higher
temperatures of heat treatment, it could be concluded that the heat treatment also
influences the matrix material. Peak broadening can be caused either by the
presence of micro-strains or by small diffracting grains (<100 nm) [53]. Optical
microscopy analysis of the materials showed relatively large grains and no
significant changes in the grain size (Figure 5). It could be therefore concluded that,
in this case, the reduction in peak width is due to relaxation of micro-strains. These
micro-strains most probably are due to the laser processing used to manufacture
the porous structures. The applied heat treatment relaxes these micro-strains,
causing the peak width of Ti6Al4V reflections to narrow. Indeed, the applied heat
treatment is somewhat similar to the heat treatments applied for the stress relieve
of titanium alloys [54]. After 1 hour annealing at 500°C, a clear peak broadening
occurs when anatase starts to transform to rutile (Table 1), this can cause strain
because of the much smaller specific volume of rutile [55] as compared to anatase.
Further annealing and higher temperature annealing relaxes these transformation
strains and peaks are narrowing again.
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It should be noted that the anodizing parameters could be dependent on the microarchitecture of the porous material, because the flow of electrolyte and the
distribution of electrical potential might be drastically different for various porous
structures. Moreover, as previously mentioned, the transition temperature of the
crystal structure and topographical features could be also dependent on the microarchitecture of porous structures. That is because heat transfer through the internal
architecture of the biomaterial and the surface to volume ratio could influence the
transition points of the crystal structure and nanotopographical features of the
sample. It is therefore not clear to what extent the results reported here will be
generalizable to other porous titanium alloy structures.
6.5. Conclusion
A hierarchical surface including micro- and nano-features was created on the
surface of anodized porous titanium alloy structures. The parameters of the
anodizing process were adjusted for obtaining the visually optimal structure. The
effects of heat treatment parameters on the crystal structure and nanotopography
of anodized samples were studied. It was concluded that the transition from
anatase to rutile starts between 500 and 600 °C and is mostly complete after 2
hours of heat treatment at 600 °C. The regular topographical features created by
the anodizing process are chiefly intact for heat treatments at 500 °C or below, but
disappear after 2 hours of heat treatment at 600 °C. As both the crystal structure
and nanotopographical features of the anodized surface will govern the bioactivity
of the biomaterial, further research will be needed to obtain the most suitable
anodizing treatment for these open porous structures.
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Chapter 7

Bone regeneration performance of surfacetreated porous titanium bone substitutes*

Abstract
The large surface area of highly porous titanium structures produced by additive
manufacturing can be modified using biofunctionalizing surface treatments to
improve the bone regeneration performance of these otherwise bioinert
biomaterials. In this longitudinal study, we applied and compared three types of
biofunctionalizing surface treatments, namely acid-alkali (AcAl), alkali-acid-heat
treatment (AlAcH), and anodizing-heat treatment (AnH). The effects of treatments
on apatite forming ability, cell attachment, cell proliferation, osteogenic gene
expression, bone regeneration, biomechanical stability, and bone-biomaterial
contact were evaluated using apatite forming ability test, cell culture assays, and
animal experiments. It was found that AcAl and AnH work through completely
different routes. While AcAl improved the apatite forming ability of asmanufactured (AsM) specimens, it did not have any positive effect on cell
attachment, cell proliferation, and osteogenic gene expression. In contrast, AnH did
not improve the apatite forming ability of AsM specimens but showed significantly
better cell attachment, cell proliferation, and expression of osteogenic markers. The
performance of AlAcH in terms of apatite forming ability and cell response was in
between both extremes of AnH and AsM. AcAl resulted in significantly larger
volumes of newly formed bone within the pores of the scaffold as compared to
AnH. Interestingly, larger volumes of regenerated bone did not translate into
improved biomechanical stability as AnH exhibited significantly better
biomechanical stability as compared to AcAl suggesting that the beneficial effects of
cell-nanotopography modulations somehow surpassed the benefits of improved
apatite forming ability. In conclusion, the applied surface treatments have
considerable effects on apatite forming ability, cell attachment, cell proliferation,
and bone ingrowth of the studied biomaterials. The relationship between these
properties and the bone-implant biomechanics is, however, not trivial.
*
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surface-treated porous titanium, 2014, Biomaterials, accepted.
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7.1. Introduction
In clinical practice, bone is often substituted by biomaterials that fulfill (some of) its
functions either temporarily or permanently. Autologous and allogeneic bone has
traditionally been the most widely used bone substitutes with autologous iliac crest
bone being the clinical gold standard [1]. However, there is often limited bone stock
available for autologous bone grafting. Moreover, donor-site morbidity and
complication rates of around 20% have been reported for iliac crest and
intramedullary canal bone harvesting [2]. Synthetic bone substituting materials are
therefore being continuously developed. Synthetic bone substituting biomaterials
need to be biocompatible, provide enough mechanical support without being
overly stiff, and well integrate within the host bony tissue. Increasingly, it is
important for bone substitutes to enhance bone regeneration [3] and improve the
biomechanical stability of the treated bony defects [4].
In this study, we introduce and evaluate three variations of surface-modified porous
titanium alloy biomaterials. Recent developments in additive manufacturing
techniques such as selective laser sintering [5-8] and selective laser melting [9-12]
have enabled production of highly porous titanium alloy biomaterials with precisely
controlled micro-architectures. One can therefore ensure that the porous structure
is fully-interconnected [13], has a precisely-controlled pore size that can be
optimized for cell attachment, proliferation, and migration [14], and possesses
overall mechanical properties in the range of bone mechanical properties [15]. In
addition, the ample pore space allows for incorporation of, for example, hydrogels
that release growth factors [16] to maximize the bone regeneration performance of
the biomaterial.
Another important feature of highly porous bone substitutes is their large surface
area. It is known that titanium alloys are generally bioinert [17, 18] and may be also
hydrophobic [19]. Hydrophobicity could adversely affect cell attachment [20] while
bioinertness means that the bioactivity potential of the highly porous biomaterials
remains unused. One may therefore need to use bio-functionalization techniques to
improve cell attachment and induce bioactivity on the surface of porous titanium
bone substitutes. Since surface chemistry [21, 22] and nanotopography [23-27]
both play important roles, biofunctionalizing techniques could target both in order
to achieve the best performance.
In this study, we used three surface treatment techniques to modify both surface
chemistry and topography of highly porous titanium bone substitutes. The aim was
to 1. improve cell attachment and proliferation, 2. induce a hierarchical micro- and
nanotopography on the surface of the biomaterial, and 3. improve the
osseointegration of the biomaterial through enhanced apatite formation. The
surface modifications included two chemical surface treatment techniques, namely
alkali-acid-heat treatment [28-33] and acid-alkali treatment [34-36], and one
electrochemical surface treatment technique, namely anodizing [37-40]. The abovementioned surface modifications were chosen, because they are known to induce
one or more of the three above-mentioned effects and also because they can be
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applied on complex 3D surfaces. A comprehensive longitudinal in vitro and in vivo
study was performed to evaluate the bone regeneration performance of the applied
surface modification techniques and to benchmark the surface modifications
techniques against each other.
7.2. Materials and methods
7.2.1. Materials and manufacturing

Spherical pre-alloyed Ti6Al4V ELI powder (ASTM B348, grade 23) was used for
manufacturing porous titanium alloy structures using selective laser melting
(Layerwise NV, Belgium) as detailed before [41]. The porous structures were based
on dodecahedron unit cells with the following design (nominal) dimensions: strut
size =120 μm, pore size = 500 μm, porosity= 88%. The specimens were built on top
of a solid titanium alloy substrate in an inert atmosphere and were subsequently
removed from the substrate using wire electro-discharge machining (EDM). Diskshaped samples (Ø8 mm × L3 mm) were used for in vitro assays (Figure 7-1a). The
samples used for in vivo implantation were based on a mid-diaphyseal segment of a
rat femur (Figure 7-1a). The actual micro-architectures of both as-built and surfacetreated samples were characterized using micro-computed tomography (micro-CT).
The micro-CT images were subsequently segmented using a global threshold for
detecting the morphometric details of the titanium structure [41]. The
morphometric parameters of the porous structure including pore size, strut size,
and the average structure porosity were then determined using the segmented
micro-CT images and 3D morphometry algorithms [41].
7.2.2. Surface treatment

For the alkali-acid-heat (AlAcH) treatment [33], the specimens were first immersed
in 5 M NaOH (Sigma–Aldrich) solution (24 h, 60 °C) and were subsequently washed
gently with distilled water. The specimens were then immersed in hot water (24 h,
40 °C) subsequently in 0.5 mM HCl (Sigma–Aldrich) (24 h, 40 °C). Afterwards, the
specimens were dried in an oven (24 h, 40 °C). The dried specimens were heated
with a rate of 5°C/min to 600°C and were kept at that temperature for 1 h after
which they were allowed to cool down in the oven to the room temperature.
For the acid-alkali (AcAl) treatment [36], the specimens were first immersed in a
mixture of 18% HCl (Sigma–Aldrich) and 48% H2SO4 (Sigma–Aldrich) aqueous
solutions (1 h, 70 °C) followed by immersion in 6 M NaOH (Sigma–Aldrich) (5 h, 70
°C). The specimens were afterwards washed with distilled water and dried in an
oven (24 h, 40 °C).
For the anodizing treatment (An), the pre-existing oxide layer of the specimens was
first removed by immersing the specimens for 5 min in an acidic mixture consisting
of 2 mL 48% HF, 3 mL 70% HNO3 (both Sigma–Aldrich), and 100 mL distilled water.
The specimens were then treated using an anodizing process optimized for porous
titanium structures in a previous study [19]. An inert platinum mesh and the porous
titanium structure were respectively cathode and anode. The anode and cathode
were connected using copper wires respectively to the positive and negative ports
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of a 60V/20A power supply (CPX400SP; Aim TTI). The separation distance of anode
and cathode in the container, i.e. a Teflon beaker (VWR), was 3 cm. A 0.5 wt% HF
(Sigma –Aldrich) solution was used as electrolyte. After anodizing, the specimens
were heat treated (1 h, 500 °C, 100 mmHg) in an Argon furnace which was heated
with a rate of 10 °C/min to the annealing temperature and kept at that temperature
for the duration of heat treatment. The specimens cooled down in the furnace after
it was turned off. To characterize the surface of specimens two scanning electron
microscopes (SEM) were employed, namely Hitachi (S-4800 FE-SEM, Japan) and
JEOL (JSM-6500F, Japan).
7.2.3. Apatite forming ability test

The apatite forming ability of surface-treated specimens was evaluated by
immersing them in a simulated body fluid (SBF). The SBF solution was prepared
according to the protocol described by Kokubo [42]. In summary, the reagents
presented in Table 2 were dissolved one by one in 700 ml of deionized water at 37
°C. The pH of the solution was adjusted at 7.4 using 1 M HCl. Deionized water was
subsequently added to the solution to reach a volume of 1 liter.
Table 7.1. The reagents used in preparation of SBF solution.
Number
1
2
3
4
5
6
7
8
9

Reagent
NaCl
NaHCO3
KCl
K2HPO4.3H2O
MgCl2.6H2O
1.0M-HCl
CaCl2
Na2SO4
Tris

Weight (g)
8.035
0.355
0.225
0.231
0.311
39 ml
0.292
0.072
6.118

Purity (%)
99.5
99.5
99.5
99
98
95
99
99

Molecular weight
58.4430
84.0068
74.5515
228.2220
110.9848
142.0428
121.1356
121.1356

The specimens were immersed in 15 ml fresh SBF using 50 ml plastic tubes. The
tubes were then placed in a shaking water bath at 37 °C. The samples were
removed from the water bath after 1, 2, and 4 weeks and washed with deionized
water twice and dried overnight in an air oven at 37 °C. An SEM (Philips XL30,
Eindhoven, The Netherlands) coupled with an energy dispersive x-ray spectrometer
(EDS) (AMETEK Materials Analysis Division, Mahwah, NJ, USA) was used for
observing the surface of samples and elemental analysis. Samples were sputtered
with a thin layer of gold using a common sputtering instrument (Cressington 108A,
Watford, UK) to improve the surface conductivity. The EDS spectra were taken at an
accelerating voltage of 10 KeV and working distance of 10 mm.
7.2.4. Cell culture assays

A pool (six donors, age 14.9 + 2.1, passage 5) of human periosteum-derived cells
(hPDC) were thawed from liquid nitrogen cell bank, expanded in T-175 flask, and
harvested upon confluent. Cell suspension (i.e. 100 μl) containing 50,000 cells was
drop-seeded onto each scaffold and incubated statically for 1 h to allow cell
attachment before being transferred onto a 3D rotator (GrantBio) to perform
dynamic rotation seeding for overnight [43]. For cell attachment analysis, the cell
seeding efficiency (CSE) was calculated by quantifying the total DNA content of the
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cell-seeded scaffolds (n = 3) using Quant-iTTM dsDNA HS assay kit (Invitrogen). For
cell proliferation assay, the cell-seeded scaffolds were transferred into 24-well
plates and cultured for 21 days in DMEM medium (DMEM-GlutaMaxTM-1, Gibco)
containing 10% fetal bovine serum (Gibco), 1% sodium pyruvate, and 1%
antibiotics/antimycotics. Then, the metabolic activity (PrestoBlue®, Life
technologiesTM) and total DNA content were quantified at defined time points.
At 1, 7, and 21 days of culture, the cell viability on the scaffolds was assessed by
staining living cells with Calcein AM and dead cells with Ethidium Homodimer
(LIVE/DEAD® cell viability kit, Life technologiesTM). For cell culture morphology, the
samples were fixed with 2.5% glutaldehyde, post-fixed with osmium tetroxide,
dehydrated in gradually increased alcohol concentrations, and chemically dried with
hexamethyldisilane. Then, the samples were sputtered with gold-palladium coating
and the cell culture morphology was observed with SEM coupled with EDS (FEI XL30
FEG) at 10 kV.
The effect of surface modifications on osteogenic differentiation of hPDCs was
quantified by quantitative, real-time polymerase chain reaction. Briefly, at 1, 7 and
21 days of culture, the samples were harvested in RLT buffer, and the total RNA was
extracted using a RNA extraction kit (Qiagen) and subsequently converted into
cDNA using cDNA synthesis kit (Fermentas). The expression level of several
osteogenic gene markers, namely alkaline phosphatase (ALP), runt-related
transcription factor-2 (Runx2), osteocalcin (OCN), Osterix (Osx), collagen type-1
(Col-1), and vascular endothelial growth factor (VEGF), were quantified using Sybr
Green primers in a Rotor-Gene sequence detector at 95 °C for 3 minutes, 40 cycles
of 95 °C for 3 seconds, and 60 °C for 60 seconds. Expression levels were calculated
based on the 2-dCT method by normalizing values to that of the housekeeping gene
β-actin.
7.2.5. Animal experiments

Critical-size femoral bone defects (length = 6 mm) were induced in the middiaphysis of thirty male Wistar rats and were grafted with surface treated porous
titanium scaffolds (n = 10 per surface treatment). The Animal Ethics Committee of
the Erasmus University approved the study and national guidelines for care and use
of laboratory animals (Netherlands) were followed. The details of the surgery, presurgery, and post-surgery treatment and care protocols are described elsewhere
[16, 44]. Rats were sacrificed twelve weeks after the surgery with pentobarbital
overdose (200 mg/kg body weight). 4, 8, and 12 weeks after surgery, in vivo microCT scans (SkyScan 1076 scanner, Bruker micro-CT NV, Kontich, Belgium) were
acquired under general anesthesia (1-3.5 % isoflurane) using a 35 µm resolution
protocol (voltage: 95 kV, current: 105 µA, 1.0 mm Al/0.25mm Cu filter, rotation step:
0.75 degree, scan time: 14 min). Ex vivo micro-CT scans were acquired after
sacrificing the animals using an 18 µm resolution protocol (voltage: 95 kV, current:
100 µA, 1.0 mm Al/0.25 mm Cu filter, rotation step: 0.5 degree). Volumetric
reconstruction software NRecon version 1.6.6 (Bruker micro-CT N.V., Kontich,
Belgium) was used to reconstruct micro-CT images. Regenerated bone volume (BV)
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was measured in terms of total volume of bone formed within the bony defect
(total BV), bone formed outside the scaffolds (outer BV), bone formed inside the
porous space of the scaffolds (porous BV), and bone formed in the medullary canal
of the scaffold (inner BV). A custom-made algorithm within CTAnalyser (ver 1.13,
Bruker micro-CT NV, Kontich, Belgium) was employed for calculating BV for the
above-mentioned volumes of interest (VOI). The details of the image processing
technique were described elsewhere [16, 41, 44]. DataViewer 1.4 (Bruker micro-CT
N.V., Kontich, Belgium) was used for calculating bone bridging on ex vivo scans.
Two specimens from each group were used for histological observations. The
harvested specimens were initially immersed in 10% neutral buffered formalin
solution for two days, then dehydrated in graded ethanol solution from 70 to 100%,
and finally embedded in methyl methacrylate (MMA). The embedded samples were
sliced (~20 µm sections) using a diamond saw (Leica SP1600, Rijswijk, The
Netherlands) and stained with 0.3% basic fuchsin and 1% methylene blue solutions.
Basic fuchsin and methylene blue stain mineralized bone and fibrous tissue
respectively red and blue.
7.2.6. Biomechanical testing

For biomechanical testing under torsion, both ends of each femur were embedded
in a cold-cured epoxy resin (Technovit 4071, Heraeus Kulzer, Germany). On the
upper clamping side, a Cardan joint was used to ensure the specimens were
subjected to pure rotation without bending. The lower sides of the specimens were
simply fixed. The tests were performed until failure with a rotation rate of 0.5° s-1
using a static mechanical testing machine (Zwick GmbH, Ulm, Germany). The
torsional strength (maximum torque to failure, N.mm) and maximum rotation
(degree) were determined and reported.
7.2.7. Statistical analysis

When comparing different groups, one-way ANOVA together with Tukey-Kramer
post-hoc analysis was used to identify significant differences (significance threshold:
p < 0.05). Two-way repeated measures ANOVA with post-hoc analysis was carried
out both with and without Bonferroni correction to compare the overall
performance of different surface treatments in terms of the bone regeneration
measured in different time points, i.e. 4, 8, and 12 weeks.
7.3. Results
7.3.1 Surface treatment

The porosity of the specimens treated with different techniques varied between 85
and 90% (Table 7.2). The mean pore and strut sizes were not significantly different
among the surface treatments and were respectively 575-600 μm and 160-175 μm.
While AsM surfaces were relatively featureless with some loosely attached powder
particles (Figure 7.1e), the modified surfaces all possessed nanotopographical
features and modified surface chemistry (Figures 7.1b-d, Tables 7.3-4). As for AlAcH,
the modified surface exhibited irregular nano-scale features in the range of 100-200
nm (Figure 7.1b,f).
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Figure 7.1. Macrographs of in vitro and in vivo test samples; scale bar: 2mm (a) as well as SEM pictures of AsM (e), AlAcH (b, f), AcAl (c, g), and AnH (d,
h) specimens;
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Table 7.2. The morphometric parameters of the scaffolds with different types of surface treatments
measured using micro-CT scans.
AlAcH
AcAl
AnH
Segmentation threshold 100-255
90-255
110-255
85
89
86
Porosity, (%)
577±146 596±145 578±142
Pore size (µm)
165±43
160±40
175±50
Strut size (µm)

EDS analysis identified oxygen on AlAcH surfaces implying the presence of titanium
oxide layer (Table 7.3). For the AcAl treatment, the features appearing on the
surface were irregular as well and in the same range as in AlAcH surfaces (Figure
7.1c, g). Na and O peaks were present in the EDS analysis of AcAl surfaces (Table
7.3) suggesting the presence of sodium phases together with the oxide layers. For
the AnH treatment, the modified surfaces showed a regular hierarchical structure
consisting of micro-scale features (micro-pits) and regularly ordered nano-scale
features (nanotubes) (Figure 7.1d, h). The diameter of the nanotubes was between
25 and 35 nm (Figure 7.1h). EDS analysis confirmed the presence of oxygen on the
surface of AnH specimens (Table 7.3).
Table 7.3. EDS analysis of the elements found on the surface of surface treated porous titanium bone
substitutes.
O
Na
Al
V
Ti
(wt%)
(wt%)
(wt%)
(wt%)
(wt%)
AsM
1.68
4.80
93.52
AlAcH
35.42
3.36
1.62
59.60
AcAl
36.07
11.20
2.48
1.88
48.38
AnH
29.98
3.76
2.94
63.31

7.3.2. Apatite forming ability

Ca and P could be identified on the surfaces of all surface treated and asmanufactured specimens (Figure 7.2, Table 7.4). However, there were large
variations between different types of surface treatments in terms of apatite
formation (Figure 7.2, Table 7.4). Ca and P could be observed all over AcAl surfaces
(Figure 7.2). The largest weight percentages of Ca and P elements were seen in EDS
analysis of AcAl surfaces (Table 7.4). Second to AcAl surfaces were AlAcH surfaces
that showed slightly less frequent Ca and P contents and somewhat smaller weight
percentages of Ca and P (Figure 7.2, Table 7.4). AnH and AsM showed the lowest
apatite forming ability with none to little apatite formed on the surfaces and
smallest weight percentages of Ca and P (Figure 7.2, Table 7.4).
Table 7.4. EDS analysis of the elements found on the surface of surface treated porous titanium bone
substitutes after 21 days of immersion in the SBF solution.
Samples
AsM
AlAcH
AcAl
AnH

C
(%wt)
3.04
1.95
3.52
2.45

O
(%wt)
18.76
25.31
9.31
24.62

Cu
(%wt)
1.39
4.34
0.77

Na
(%wt)
1.89
1.38
3.44
1

Al
(%wt)
3.09
2.4
1.77
1.38

P
(%wt)
1.36
1.95
2.24
0.94

Au
(%wt)
10.06
23.98
49.5
21.11

Cl
(%wt)
2.71
1.03
4.51
1.89

Ca
(%wt)
1.28
2.39
2.46
1.97

Ti
(%wt)
57.81
38.22
18.91
43.87

Ca/P
0.94
1.23
1.1
2.1
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Figure 7.2. SEM pictures of AsM (a, e), AlAcH (b, f), AcAl (c, g), and AnH (d, h) surfaces after immersion in the SBF solution for 21days.
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7.3.3. Cell culture assay

In general, there were marked differences between various surface conditions in
terms of cell viability and proliferation (Figures 7.3-5). In terms of cell-seeding
efficiency, AnH resulted in the highest cell seeding efficiency, however it was not
significantly different from other surface conditions (Figure 7.5a). AnH showed
more homogenous distributions of cells as compared to all other surface types
(Figure 7.3). Cell attachment was generally not very good on AcAl surfaces, as cells
were hardly observed on AcAl surfaces in the early days of culture (Figure 7.4). Both
AnH and AlAcH surfaces showed good cell attachments (Figure 7.4). In AnH
specimens, cells were more elongated and bridged the corners while they were
mostly polygonal on AlAcH surfaces (Figure 7.4).
Based on the measurements of the metabolic activity, AnH showed significantly
higher cell proliferation as compared to AsM specimens at 4, 7, and 21 days (Figure
7.5b). The other surface treatments did not have significantly better cell
proliferation until 21 days at which point AlAcH also showed higher cell proliferation
as compared to AsM specimens (Figure 7.5b). Cell proliferation measured by total
DNA content was consistent with the observations based on metabolic activity. AnH
specimens had significantly higher DNA amounts as compared to AsM specimens
both at 7 and 21 days (Figure 7.5c). At 21 days, AnH specimens had significantly
higher DNA amounts as compared to AcAl specimens (Figure 7.5c). The other
surface treatments performed similar to AsM specimens until day 21 at which point
AlAcH specimens showed higher DNA amounts compared to both AsM and AcAl
specimens (Figure 7.5c). As compared to AsM specimens, AnH surfaces upregulated
the expression of ALP at day 1 and VEGF at day 1 (Figure 7.6). AnH surfaces also
showed significantly higher expression of Col1 (day 7) and VEGF (day 1) as
compared to both AlAcH and AcAl surfaces (Figues 7.6e-f). As compared to AsM
surfaces, AlAcH surfaces exhibited greater expression of ALP at day 1, Runx2 at day
21, OCN at day 1, Col1 at day 1, and VEGF at day 21 (Figure 7.6). AlAcH surfaces also
showed improved expression of Runx2 (day 21), OCN (day 1), Col1 (day 21), and
VEGF (day 21) as compared to AcAl surfaces (Figure 7.6).
7.3.4. Animal experiments

Both in vivo and ex vivo scans showed somewhat lower mean values of regenerated
bone volume for the AnH treatment as compared to both other treatments (Figures
7.7-8). However, the difference between the groups was only significant at 4 weeks,
with the newly formed bone volume within the pores being significantly higher for
the AcAl treatment as compared to AnH. For all later time points, there was no
significant difference between the regenerated bone volumes of all three surface
treatments (Figure 7.7-8) neither within the pores, nor outside the pores. After 12
weeks, the differences between the gap sizes of the three groups were also nonsignificant (Figure 7.8a-b).
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Figure 7.3. Live-dead staining of AsM (a, e), AlAcH (b, f), AcAl (c, g), and AnH (d, h) surfaces after 7 and 21 days of cell culture(scale bar: 500 µm).
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Figure 7.4. Morphology of cells and cell attachment on AsM (a, e), AlAcH (b, f), AcAl (c, g), and AnH (d, h) surfaces after 1, 7 and 21 days of cell culture.
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Figure 7.5. Cell seeding efficiency (a) and cell proliferation measured based on metabolic
activity (b) and DNA content.
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Based on two-way repeated-measures ANOVA without Bonferroni correction, when
all time points were considered, the total bone regeneration (Total BV) of AcAl was
significantly higher than that of AnH (p = 0.03). However, repeated-measures
ANOVA with or without Bonferroni correction showed no significant differences
between the Total BV of AlAcH and AnH or between AlAcH and AcAl. As for the
bone formed within the pores (Porous BV), both AcAl (p = 0.015 and 0.044
respectively without and with Bonferroni correction) and AlAcH (p = 0.008 and
0.024 respectively without and with Bonferroni correction) had significantly larger
volumes of regenerated bone as compared to AnH when all time points were
considered using two-way repeated measures ANOVA.
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Figure 7.7. Total volume of regenerated bone (Total BV) (a) and the voume of bone
regenerated within the pores of the scaffold calculated based on in vivo micro-CT scans
after 4, 8, and 12 weeks of surgery.
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The mean value of the maximum torque of AnH samples was significantly larger
than that of AcAl specimens (Figure 7.8c). There was no significant difference
between the maximum torques of AnH and AlAcH specimens (Figure 7.8c). Also no
significant differences between the maximum rotation angles were found between
the groups (Figure 7.8c). Histological observations showed that the scaffold - novel
bone interface mostly consisted of direct bone contact in specimens treated with
AcAl (Figures 7.9c, e). Both AlAcH and AnH specimens showed some soft tissue
formation between the scaffold and the surrounding bone with AnH samples
exhibiting the most limited direct bone-scaffold contact (Figures7.9a, c-d, f). The
pattern of bone formation was different between the various histological
specimens. While the regenerated bone was strongly connected in certain
specimens (e.g. Figure 7.9c), some specimens exhibited abundant but loosely
connected de novo bone formation (e.g. Figure 7.9d-e).
7.4. Discussion
Both surface topography and chemistry were modified in the three surface
treatments studied here. Results show that there are clearly different routes
through which the various surface treatments function. One possible route is linked
to the formation of apatite phases on the surface of the material. Apatite phases
could facilitate bone formation and as such improve implant osseointegration [42,
45]. The other route is interaction of cells with the nanotopography of the surface
that could lead to modulation of mechanotransduction, improved cell proliferation,
and stimulation of differentiation of cells towards the osteogenic lineage [46-49].
As for the apatite-forming ability, AcAl performed best with the highest amount of
apatite formed on the surface of the material after the SBF test (Figure 7.2, Table
7.4) while AnH did not form much apatite on its surface and holds no evidence that
it performed any better than AsM surfaces (Figure 7.2, Table 7.4). AlAcH is situated
in between the two extremes of AcAl and AnH in terms of apatite formation (Figure
7.2, Table 7.4). In the cell attachment, cell proliferation, and gene expression assays,
AnH performed the best as indicated the by elongated corner-bridging cell
morphology, the homogenous cell distribution, the greatest rate of cell
proliferation, and the upregulated expression of osteogenic markers (Figures 7.3-6).
In comparison, AcAl performed poorly in the cell culture assays as underlined by its
limited cell attachment and cell proliferation (Figures 7.3-5). Moreover, there is not
a single time point or osteogenic marker for which AcAl performed better than AsM
surfaces (Figure 7.6). Once more, AlAcH is situated between AnH and AcAl in terms
of performance in the cell culture assays (Figures 7.3-6).
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Figure 7.9. Histological sections of AlAcH (a), AcAl (b), and AnH (c) specimens.

The results of animal experiments nicely correlate with the above-mentioned in
vitro findings. In terms of bone regeneration, AcAl showed a significantly higher rate
of bone formation as compared to AnH. Moreover, AcAl surfaces show high levels of
osseointegration as exemplified by direct bone-scaffold contact observed in the
histological sections. These findings are in line with the apatite-forming ability of
the surface [42, 45]. In contrast, AnH showed significantly lower volumes of
regenerated bone and did not show direct bone-scaffold contact due to soft tissue
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formation (Figure 7.9). On the other hand, AnH showed significantly better
mechanical stability as compared to AcAl (Figure 7.8c). AlAcH is once more situated
in between AnH and AcAl in terms of all above-mentioned measures. The AlAcH
surface shows some direct bone-scaffold contact but also some formation of soft
tissue (e.g. Figure 7.9d). The regenerated bone volume of AlAcH surfaces is situated
between AnH and AcAl. As for the maximum torque, AlAcH surfaces are again in
between AnH and AcAl surfaces.
One unexpected observation is that the surface treatment that shows the largest
volume of regenerated bone, i.e. AcAl, is mechanically the least stable. It is
generally assumed that larger volumes of regenerated bone should necessarily
translate to improved mechanical stability. It is, however, important to note that the
connectivity of the regenerated bone is extremely important for load transfer and
mechanical stability. Large volumes of bone that are scattered throughout the
scaffold and are not well connected to each other cannot transfer mechanical load
and result in a mechanically unstable construct. In comparison, a smaller volume of
well-connected bone could better transfer the mechanical load and improve the
mechanical stability of the bone-scaffold construct. Histological observations
showed formation of several packets of loosely connected bone on AcAl surfaces
(see yellow annotation arrows on Figure 7.9b, e). In comparison, the bone formed
in AnH specimens was better connected and thus more capable of transmitting
mechanical loads. This could explain the significantly better mechanical stability of
AnH specimens as compared to AcAl specimens despite their significantly lower
overall volume of regenerated bone. It should be noted that the above-mentioned
histological observations were made on 2D sections of only two specimens from
each group. It is therefore not clear to what extent those observations are
representative of the histological conditions and bone connectivity of all specimens
in 3D.
It is not clear why AnH specimens might have resulted in better-connected volumes
of regenerated bone as compared to AcAl specimens. It is recently shown that
nanotopography of surfaces modulates the mechanotransduction cell pathways
through adjustment of focal adhesion [46-49]. It could be further hypothesized that
nanotopographical features modulate mechanotransduction cell pathways with the
mechanical forces transmitted through the scaffold such that the macro-scale
mechanical forces guide the process of bone regeneration. If such a modulation
exists, the regenerated bone is expected to be well connected and better capable of
transmitting mechanical forces than is normally the case in the mechanically guided
process of bone apposition [50, 51]. This hypothesis needs to be tested in future
studies to see whether nanotopographical features could indeed guide the process
of bone regeneration such that the regenerated bone is capable of withstanding
higher mechanical loads.
Another possible explanation for the better mechanical stability of AnH as
compared to AcAl specimens could be the better interface connection between the
regenerated bone tissue and scaffold in AnH specimens. Nanotopographical
features might result in better (mechanical) interlocking of the regenerated tissue
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with the implanted biomaterial and thereby strengthen the interface between the
regenerated bone and the titanium. Even though this is a plausible hypothesis,
there is no experimental evidence in the current study to support it. Further studies
are needed to test the hypothesis that ‘as compared to surfaces with good apatite
forming ability, surfaces covered with regular nanotopographical features result in
greater interface strength between the regenerated bone tissue and implanted
biomaterial’.
Going back to the aims of the study presented in the introduction, the results of the
current study show that the surface treatments studied here could achieve one or
more of the above-mentioned aims including generation of hierarchical structure of
ordered micro- and nanotopographical features, improved cell attachment and cell
proliferation, improved apatite forming ability. As far as clinical applications are
concerned, the mechanical stability plays the most important role. It can be
concluded that large volumes of bone regeneration does not necessarily result in
better mechanical stability or higher fracture load. In the case of the surface
treatments studied here we hypothesize that the anodized nanotopography leads
to either improved mechanotransduction of the cells and/or leads to better
mechanical integrity between newly formed bone and titanium, but further studies
are needed to test these hypotheses.
7.5. Conclusion
The results of the current longitudinal study show that all the surface treatments
studied here could achieve one or more of the aims mentioned in the introduction
including generation of a hierarchical structure of ordered micro- and
nanotopographical features, improved cell response, and improved apatite-forming
ability. The applied surface treatments were found to act through different
mechanisms. AcAl improved apatite forming ability while it did not influence the in
vitro cell response of the biomaterial. In contrast, AnH significantly improved the in
vitro cell response of the biomaterial without having any influence on its apatite
forming ability. As far as clinical applications are concerned, the mechanical stability
plays the most important role. AnH resulted in significantly better mechanical
stability as compared to AcAl even though its volume of regenerated bone was
significantly smaller than AcAl. It could be therefore concluded that large volumes
of regenerated bone do not necessarily translate to better mechanical stability or
higher fracture load. In conclusion, the applied surface treatments are found to
markedly influence both in vitro and in vivo performances of porous titanium alloy
biomaterials. The surface treatments of porous titanium biomaterials should
therefore be thoroughly studied and carefully optimized prior to clinical application.
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Chapter 8

Conclusion and general discussion

A wide range of topics on the mechanics and surface science of additively
manufactured porous titanium alloy biomaterials were covered in this thesis. The
current chapter summarizes some of the important findings of the different
chapters and makes some recommendation regarding the future research
directions:
8.1. Conclusions
·

Full-field strain measurement using DIC technique was carried out
during compression testing of rat femora (Chapter 2). It was observed
that fracture occurs in the areas where highest tensile strains are
experienced. It was also found that the equivalent strain fracture
criterion is more consistent than the fracture limit diagram in
predicating the onset of fracture.

·

Results presented in Chapter 3 show that the rat defect model used in
the current study has a large variability in the level of mechanical forces
transmitted through the implant and fixation plate. It was concluded
that the model used in the study is not sensitive enough to detect some
genuine changes in the bone regeneration capability of biomaterials,
particularly when these changes primarily influence the mechanical
loading of the biomaterials.

·

Studying the fatigue behavior of porous titanium structures with
different porosities showed that the normalized S-N curves of all four
structures were mostly overlapping and conforming to a power law
(R2=0.94). In the strain vs. cycle number curves, the typical three-stage
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pattern of porous metals was observed without any sudden strain
jumps in the curves, likely due to uniform deformation throughout the
volume of the porous structures.
·

Effects of two different types of surface treatments including acid-alkali
and alkali-acid-heat treatments on the static and fatigue properties of
porous titanium alloy implants were studied. It was found that AlAcH
treatment results in minimal mass loss and, thus, the static and fatigue
properties of AlAcH specimens were not much different from those of
the as-manufactured specimens. In contrast, the mechanical properties
of AcAl specimens were significantly influenced by the applied surface
treatment.

·

Preforming different heat treatment procedures on anodized porous
titanium showed that the transition from anatase to rutile starts
between 500 and 600 °C and that the created nanotube arrays are
chiefly intact for heat treatments at 500 °C or below, but disappear
after 2 hours of heat treatment at 600 °C.

·

In vitro and in vivo evaluation of three different surface treated porous
titanium showed that the applied surface treatments work in different
ways influencing the apatite-forming ability of the biomaterial, the cell
response of the biomaterial, or a combination of both. Interestingly,
large volumes of regenerated bone did not necessarily result in better
mechanical stability or higher fracture load. It is hypothesized that the
nanotube arrays on the surface lead to either improved
mechanotransduction of the cells and/or better mechanical integrity
between newly formed bone and titanium. Further studies are needed
to test these hypotheses.

8.2. General discussion
To use porous titanium as a bone substitute, what type of requirements should
be met? What would be the expectation? Generally, biomaterials for bone
substitution should possess certain features like excellent strength-to-weight
ratio, toughness, biocompatibility and corrosion resistance, which titanium and
its alloys have properly demonstrated for last decades [1-4]. It is well studied
that “stress shielding” phenomena resulted from the mismatch of elastic
modulus between Ti alloys (90–110 GPa) and bone (0.1–20 GPa) can cause
bone loss and implant loosening and subsequent revision surgeries [5-7].
Employing highly porous structures could solve this problem, as the mechanical
properties of such structures could be adjusted by modifying the size and type
of the pores particularly through additive manufacturing techniques [8, 9].
Although fabrication of such bone substitutes by additive manufacturing is
gaining attention and many papers have been recently published [10], many
important aspects of such porous biomaterials remain unexplored. In this
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thesis, a number of important research questions pertaining to application of
such porous biomaterials as bone substitutes were studied (see Chapter 1 for
the details of the research questions). First, we evaluated the suitability of
porous titanium biomaterials made by selective laser melting in terms of their
mechanical properties. In this context, the mechanical properties of bone
should be determined first, which we did with the help of the digital image
correlation (DIC) technique. Since porous titanium biomaterials were
experimentally studied in a rat bone defect model, we decided to study the
mechanical properties of the rat femur and determine its fracture mechanisms
under compression loading. Consecutively, the static and fatigue properties of
porous titanium biomaterials (chapter 4) were extensively studied. It was
confirmed that the mechanical properties of porous titanium are in the range of
those measured for bone.
Implant–bone integration is the first step associated with initial osteogenesis,
which might strongly depend on surface bioactivity (chemistry and
morphology). Therefore, the next research question was about the role of
surface treatment techniques (chapter 6) in improving the bone regeneration
performance of porous titanium (chapter 7). It was shown that the surface
treatment (anodizing heat treatment) significantly improved the in vitro cell
response and could also achieve better mechanical stability as compared to
other surface treatments, even though its volume of regenerated bone was not
as high as some of other treatments.
Another important research question was about the effects of chemical surface
modification techniques on the static and fatigue properties of porous titanium
(chapter 5). Specimens treated using one of the surface treatments techniques,
namely acid-alkali treatment, suffered from very weak mechanical properties
because of extensive mass loss. The alkali-acid heat treatment, however, did
not alter the mechanical properties of porous titanium. Due to its optimum in
vitro and in vivo properties, alkali-acid heat treatment is a promising candidate
that could be used in clinical trials.
On the other hand, there are some important issues that we could not bring
further within the context of this PhD project. For instance, the type of unit cell
(geometry of the pores) is a crucial parameter for tuning the mechanical
properties of porous structures. In this thesis, we used one single type of unit
cell, namely dodecahedron, in the entire project. However, one could study the
effects of different types of unit cells on the mechanical properties of porous
titanium. In addition, the static and fatigue properties of porous biomaterials
could be measured in a physiological solution that mimics the composition of
the body fluid. For example, the mechanical loading of the specimens could be
performed inside simulated body fluid (SBF). This might affect the corrosion
properties of the biomaterial and thereby modify its mechanical properties. It is
important to note that as-manufactured specimens received from the
manufacturer have undergone high temperature laser processing. It might be
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therefore important to apply heat treatments to release the residual stresses
caused by laser processing. The effects of such heat treatments on the
mechanical properties of the biomaterial might be considerable. Such effects
were not studied here.
Tribological properties of porous titanium are not yet well studied. Wear and
erosion are among the weak points of solid titanium implants [11-13]
particularly in load bearing applications. The volume of debris resulting from
porous titanium is expected to be larger than solid titanium biomaterials due to
the higher porosity and increased surface area of porous titanium biomaterials.
This might cause concerns regarding metal ion release, which have led to the
so-called pseudo-tumor formation in other materials like CoCr alloys [14].
Titanium alloy powder used in this project was Ti6Al4V ELI, which has been
widely used in the implant market before. However, due to the toxicity of
vanadium [15, 16] and issues with regard to aluminum causing Alzheimer’s
disease [17], many newly developed Ti alloys for solid implants introduce the
substitution of elements like Nb, Ta, and Zr [18, 19]. Apparently, as of yet these
points have not been taken seriously enough to produce porous titanium
biomaterial from the newer alloys [20]. The high surface area of porous
titanium that results in strong body-implant interaction in porous titanium
biomaterials should be a good driver for manufacturers to consider these
newer alloys.
Another issue that is potentially very important for porous implant is infections
due to bacterial and microbial biofilms formed on the surface of implants [21].
Recently, antimicrobial agents like Ag nanoparticles [22] or multilayered coating
with antimicrobial peptides [23] have been introduced to prevent infections in
solid biomaterials. To the best of our knowledge, there has not been any report
of application of similar techniques for preventing infection in porous titanium
implants manufactured using additive manufacturing techniques.
It is also important to consider the other applications of the porous structure
available in such porous biomaterials. For example, the high porosity and large
pore space and surface area provide an excellent opportunity for drug delivery.
Due to the large surface area, application of coatings is an attractive way of
controlled release in porous titanium biomaterials. Once the coating is
designed, the release kinetics could be adjusted by modifying the type,
thickness, and chemistry of the applied coating. Taking advantage of large pore
space, drug-releasing gels could be incorporated into the pores. It is also
important to measure the permeability of porous titanium biomaterials.
Permeability is an important factor, as it is crucial for vascular invasion and for
facilitating cell nutrition and oxygenation [24].
Finally, an obvious drawback of using porous titanium is its lack of
biodegradability. Although bone ingrowth can be perfectly succeeded through
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the open pores, the remaining titanium structure in the wound place would still
pose an issue for some surgical procedures.
Considering the above-mentioned areas of potential research, Figure 1.1 could
be translated into Figure 8.1.

Development of new
porous titanium
without Al and V

Porous titanium
manufactured by
Selective Laser Melting
Ch

Surface modification
of porous titanium
(CH 5&6)

Anti-microbial properties
on the surface of porous
titanium

Stress relief of asmanufactured
porous titanium

Mechanical
properties of rat
bone (CH 2)

Mechanical properties
of porous titanium
(CH 4)

Mechanical behaviour
of surface treated
porous titanium (CH 5)

In vitro and in vivo
evaluation of surface
treated porous titanium
(CH 7)

Mechanical properties
of porous titanium in
physiological situation

Performance evaluation
of porous titanium in a
rat defect model (CH 3)

Figure 8.1. Schematically depicted structure of the thesis chapters and recommendations for
future research.

8.3. Recommendations for future research
Like every other research project, there are many aspects in terms of the
mechanobiology and surface science of porous titanium biomaterials that were
not covered in this thesis and need to be further studied.
As for Chapter 2, it is recommended that a finite element model of the tested
specimens together with the strain values measured in the experiments be
used for examining the applicability of other fracture criteria. It is also
important to evaluate the strain values inside the volume of the bone
specimens using FEM, as DIC is only capable of measuring surface strains.
In Chapter 3, it was shown that the fixation method of the current rat defect
model needs to be modified to make the mechanical loading and the resulting
bone regeneration more consistent between different animals. It is suggested
that a pre-stress component be added to the design of the model such that the
contact between the bone and implant and load transfer between the two is
guaranteed regardless of surgical variations.
Even though the power-law provided in Chapter 4 is based on extensive testing
of four different porosities, one needs to carry out additional fatigue tests for
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other structures with different porosities to make sure the deduced power law
is valid also for porous titanium structures with porosities very different from
the ones tested here. Moreover, one needs to understand the difference
between different unit cell types in terms of fatigue failure and load
distribution. Numerical techniques such as finite element model could be used
to study those differences.
Variations in the static and dynamic mechanical properties of different surface
treated porous titanium were observed in Chapter 5. One could use Electron
Back Scattering Diffraction (EBSD) techniques to study any change in the texture
of surface treated specimens with or without heat treatment. The same
technique could be used to study the local deformations within the porous
biomaterial.
The hierarchical structure (like TiO2 nanotube and micro-features) applied on
the surface of porous titanium biomaterials could be potentially used for drug
delivery applications. In addition, one could study the effects of
nanotopography on bone regeneration of porous titanium and the resulting
interface properties (Chapters 6,7).
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Summary

People in both developing and developed worlds are increasingly facing
musculoskeletal problems that require long-term clinical performance of
orthopaedic implants including bone substitutes. Porous biomaterials could play an
important role in improving the longevity and overall performance of orthopaedic
implants and that is why they have been extensively studied recently. Highly porous
biomaterials hold promise for such applications partly because their porous
structures provide enough space for bone in-growth and vascularization.
Controllability of mechanical properties is another favorable feature of such
biomaterials that has led to their increased popularity for bone substitution.
Nevertheless, the full potential of porous metallic biomaterials in general and
porous titanium alloy structures in particular has not yet been fully exploited. In this
thesis, some important aspects relevant for application of porous titanium alloy
biomaterials as bone substitutes have been studied. In particular, we focus on the
mechanical properties of porous titanium biomaterials, the modification of the
surface properties of such biomaterials using chemical and electrochemical surface
treatments, and on the effects of applied surface treatment on the mechanical
properties of porous titanium biomaterials.
To study the mechanical properties of porous titanium biomaterials, it is important
to study the mechanical properties of bone that is replaced by the biomaterial.
Given the fact that bone is a complex and heterogeneous material, a recently
developed method called digital image correlation (DIC) was employed to study the
full-field strain map and fracture behavior of the rat femur (chapter 2). It was found
that bone fracture is strain-controlled and that the onset of fracture could be
predicted using the equivalent strain criterion. On the other hand, segmental bone
defect animal models are often used in pre-clinical studies of the bone regeneration
performance of bone substitutes. In such animal models, it is very important to
study how mechanical load is transferred after stabilization of the defect. In chapter
3, a specific animal model and fixation technique were considered. The load
transferred through the femur and the distribution of the transferred load between
the implant and fixation plate were studied for the considered animal model and
fixation technique. It was found that there is a large variability in terms of the
transmitted loads and that one needs to optimize the fixation technique in order to
obtain a more consistent mechanical loading after surgery.
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Dynamic and static mechanical properties of selective laser melted porous titanium
were studied in chapter 4 where the S-N curves of the porous structures were
obtained for four different porosities. The S-N curves of the porous structures with
different porosities were drastically different with more porous structures
demonstrating a weaker fatigue behavior. When normalized with respect to the
plateau stress, the S-N curves were mostly overlapping and very well conforming to
a power law (R2=0.94). This power law might be useful for estimating the fatigue life
of similar porous structures in the cases where actual fatigue tests could not be
performed. In addition, it was found that the normalized endurance limit of porous
structures is somewhat lower than that of the matrix material.
Bio-functionalizing surface treatment are important for improving the surface
properties of biomaterials. However, they might adversely affect the mechanical
properties of the biomaterial. The effects of two different types of chemical surface
treatments, namely alkali-acid-heat treatment and acid-alkali treatment, on the
mechanical properties of porous titanium biomaterials were studied. It was found
that while one of the surface treatments, namely alkali-acid-heat treatment, did not
have any major adverse effect on the mechanical properties of the tested
biomaterials, the other surface treatment resulted in significant mass loss and, thus,
significant loss of mechanical properties.
The nanotopographical features and crystal structure of an additional surface
treatment technique, namely anodizing, were studied as well. The parameters of
the surface treatment procedure were optimized to achieve a hierarchical structure
on the surface of porous titanium biomaterials. In addition, it was found that the
temperature and heat treatment duration need to be optimized, so as to ensure the
nanotopographical features created using the surface treatment are not disrupted
after heat treatment.
All the three above-mentioned surface treatment techniques were subsequently
evaluated in a longitudinal in-vivo and in-vitro study to assess the bone
regeneration performance, apatite-forming ability, and cell response of the surfacetreated porous titanium biomaterials. It was found that the applied surface
treatments notably influenced both in-vitro and in-vivo performances of porous
titanium alloy biomaterials. Acid-alkali treatment resulted in the best apatite
forming ability and significantly larger volumes of regenerated bone as compared to
anodizing. However, porous titanium biomaterials treated with anodizing exhibited
significantly higher torsional strength. It was concluded that larger volumes of
regenerated bone does not necessarily translate to better mechanical stability.
Although this thesis tried to cover several aspects relevant for application of porous
titanium biomaterials as bone substitutes, further research is needed to explore
several other unexplored aspects of porous titanium biomaterials.

Samenvatting

Mensen in zowel de ontwikkelde als de ontwikkelende landen krijgen steeds meer
te maken met problemen van het bewegingsapparaat, die langdurige klinische
prestaties van orthopedische implantaten, inclusief botsubstituties, eisen. Poreuze
biomaterialen kunnen een belangrijke rol spelen in het verbeteren van de
levensduur en algehele prestaties van orthopedische implantaten en daarom is er
recent veel onderzoek naar gedaan. Zeer poreuze biomaterialen zouden gebruikt
kunnen worden voor toepassingen bij implantaten, omdat hun poreuze structuur
genoeg ruimte bied voor ingroei van bot en het vasculaire systeem. Controle over
de mechanische eigenschappen van dit soort biomaterialen is een andere gewenste
eigenschap. De ‘additive manufacturing’ technieken geven volledige controle over
de architectuur en de daaraan gekoppelde mechanische eigenschappen waardoor
deze techniek in toenemende mate wordt aangewend voor botimplantaten. Maar
wat betreft het gebruik van poreuze metalen in ‘additive manufacturing’ zoals
titanium in het bijzonder, is het onderste nog niet uit de kan gehaald. In dit
proefschrift worden een aantal belangrijke aspecten voor het gebruik van poreuze
titaniumlegering biomaterialen voor botsubstitutie bestudeerd. De focus ligt met
name op de mechanische eigenschappen van poreuze titanium biomaterialen, op
de modificatie van oppervlakeigenschappen doormiddel van elektrochemische
oppervlaktebehandelingen en op het effect dat deze oppervlakte modificatie heeft
op de mechanische eigenschappen.
Om de mechanische eigenschappen van poreuze titanium biomaterialen te
bestuderen is het belangrijk om ook de mechanische eigenschappen van het bot
dat het vervangt te bestuderen. Omdat bot een complex heterogeen materiaal is, is
er een kaart gemaakt van de rek en de breukeigenschappen in een femur van de rat
met behulp van een nieuwe techniek genaamd digital image correlation (DIC)
(hoofdstuk 2). Er is ontdekt dat de breuk in bot door rek wordt gecontroleerd en dat
het begin van breuk kan worden voorspeld met een equivalent rekcriterium. Aan de
andere kant worden botsegmentdefecten in dierproeven vaak gebruikt in
preklinische studies voor de botregeneratie prestaties van botsubstituten. In dit
soort dierproeven is het zeer belangrijk om te bestuderen hoe de mechanische
belasting door het bot vloeit na de stabilisatie van het defect. In hoofdstuk 3 is één
specifieke dierproef met bijbehorende fixatiemethode nader bestudeerd. De
manier waarop de belasting door het bot vloeide en de distributie van de belasting
over het bot substituut en door het bot zijn heel gedetailleerd in kaart gebracht. De
bevinding was dat er een hoge variatie bestaat in de overgebrachte belasting en dat
de fixatietechniek geoptimaliseerd moet worden voor een consistentere belasting
na chirurgie.
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Samenvatting

Dynamische en statische mechanische eigenschappen van selectief laser gesmolten
poreus titanium zijn bestudeerd in hoofdstuk 4. In het kader van vermoeiing zijn
zogenaamde S-N curven van de poreuze structuren bepaald voor vier verschillende
porositeiten. De S-N curven van de verschillende poreuze structuren hadden
drastisch verschillende vermoeiingseigenschappen, waar de laagste porositeit de
laagste
vermoeiingseigenschappen
hadden.
Genormaliseerd
met
de
plateauspanning overlapten de S-N curven bijna geheel en konden ze worden
benaderd met één machtsfunctie (R2=0.94). Deze machtsfunctie zou kunnen
worden gebruikt om de vermoeiingsleeftijd van vergelijkbare poreuze structuren te
schatten, waar vermoeiingstesten niet kunnen worden toegepast. Bovendien was er
ook nog bevonden dat de genormaliseerde duurlimiet wat is duurlimiet? van
poreuze materialen iets lager is dan van matrixmateriaal. What is matrix material?
Voor het verbeteren van de oppervlakte eigenschappen van biomaterialen kunnen
biofunctionaliserende oppervlaktebehandelingen
worden ingezet. Deze
behandelingen kunnen echter de mechanische eigenschappen van biomaterialen
verslechteren. Het effect van twee verschillende type chemische
oppervlaktebehandelingen, namelijk alkali-zuur warmtebehandeling en zuur-alkali
behandeling, op de mechanische eigenschappen van poreuze titanium
biomaterialen zijn heel precies bepaald. Oppervlakte behandeling door middel van
alkali-zuur warmtebehandeling had weinig effect op de mechanische
eigenschappen, terwijl de andere behandeling voor significant verlies in massa en
navenant significant verlies in mechanische eigenschappen zorgde.
De Nano-topografische eigenschappen en kristalstructuur van een extra
oppervlaktebehandeling, namelijk anodisering, zijn ook bestudeerd. De parameters
van deze oppervlaktebehandeling werden geoptimaliseerd om een hiërarchische
structuur op het oppervlak van poreuze titanium biomaterialen te verkrijgen.
Hierbij is o.a. gevonden dat de temperatuur en duur van de behandeling
geoptimaliseerd moesten worden, om er voor te zorgen dat de nano-topografischeeigenschappen niet verstoord zouden worden na de behandeling. Alle drie de
bovengenoemde oppervlaktebehandelingen zijn vervolgens ook nog geëvalueerd in
langdurige in-vivo en in-vitro studies om de botregeneratie prestaties,
hydroxylapatiet-formatie en cellulaire reactie op de oppervlaktebehandeling te
begrijpen.
Zowel
in-vivo
als
in-vitro
lieten
de
verschillende
oppervlaktebehandelingen verschillende resultaten zien. Zuur-alkali behandeling
zorgde voor de beste apatiet-formatie en significant grotere hoeveelheden
geregenereerd bot, vergeleken met de anodiseringsbehandeling. Verrassand was
dat anodisering voor significant betere torsiesterkte zorgde, ondanks het feit dat er
niet meer bot was ingegroeid bij anodisering. De conclusie is dat grotere volumes
geregenereerd bot niet tot noodzakelijk tot betere mechanische eigenschappen
leidt. In dit proefschrift zijn verschillende aspecten onderzocht die relevant zijn voor
het gebruik van poreus titanium als botsubstitutie. Echter meer onderzoek is nodig
om de verschillende - vooralsnog onontgonnen aspecten – verder te verkennen. Dit
proefschrift moet derhalve worden beschouwd als slechts een eerste aanzet voor
het ontwikkelen van poreus titanium als botvervangend materiaal.
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