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Preface to “Advanced Biomaterials for Orthopaedic

Application”

This book is the result of contributions from international researchers active in the various

areas of biomaterials. Newly developed biomaterials used as medical devices have led to significant

advances not only in regenerative medicine and medical diagnostics but also in in silico fields.

The focus of this book is to provide a review of existing biomaterials in clinical practice,

from their properties to recognized issues and further development directions. Many aspects are

incorporated in this book, especially in improved medical implants or finite element modelling.

Particular emphasis is placed on the simulations of hard-on-soft hip joint prosthesis accounting

for dynamic loads calculated from a musculoskeletal model during walking or the development

of a novel in silico model to investigate the influence of radial clearance on the acetabular cup

contact pressure in hip implants. This book includes considerations of the effects on bone stress,

collateral ligament force, and contact stress on other knee compartments of the biomaterials used

in this field (biomechanical effects of ultra-high molecular weight polyethylene (UHMWPE) and

carbon-fiber-reinforced polyetheretherketone (CFR-PEEK)).

Material responses to different parameters, such as loading patterns, type of motion, and contact

velocities, as well as influence of the surrounding environment, which provokes different chemical

reactions, can offer valuable further directions for improvement.

This book will provide researchers and professionals with valuable insights into the

state-of-the-art developments of biomaterials in clinical practice today from aspects of different areas

of expertise: medical, engineering, physics, chemistry, and material science, to motivate them to

pursue further research and practical applications.

Saverio Affatato

Special Issue Editor
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Abstract: The purpose of this paper was to determine the influence of selected parameters of Direct
Metal Laser Sintering and various heat treatment temperatures on the mechanical properties of
Ti6Al4V samples oriented vertically (V, ZX) and horizontally (H, XZ). The performed micro-CT scans
of as-build samples revealed that the change in laser energy density significantly influences the change
in porosity of the material, which the parameters (130–210 W; 300–1300 mm/s), from 9.31% (130 W,
1300 mm/s) to 0.16% (190 W, 500 mm/s) are given. The mechanical properties, ultimate tensile strength
(UTS, Rm) and yield strength (YS, Re) of the DMLS as-build samples, were higher than the ASTM F 1472
standard suggestion (UTS = 1100.13 ± 126.17 MPa, YS = 1065.46 ± 127.91 MPa), and simultaneously,
the elongation at break was lower than required for biomedical implants (A = 4.23 ± 1.24%).
The low ductility and high UTS were caused by a specific microstructure made of α’ martensite
and columnar prior β grains. X-Ray Diffraction (XRD) analysis revealed that heat treatment at 850 ◦C
for 2 h caused the change of the microstructure intothe α + β combination, affecting the change of
strength parameters—a reduction of UTS and YS with the simultaneous increase in elongation (A).
Thus, properties similar to those indicated by the standard were obtained (UTS = 908.63 ± 119.49 MPa,
YS = 795.9 ± 159.32 MPa, A = 8.72 ± 2.51%), while the porosity remained almost unchanged.
Moreover, the heat treatment at 850 ◦C resulted in the disappearance of anisotropic material properties
caused by the layered structure (UTSZX = 908.36 ± 122.79 MPa, UTSXZ = 908.97 ± 118.198 MPa,
YSZX = 807.83± 124.05 MPa, YSXZ = 810.56± 124.05 MPa, AZX = 8.75± 2.65%, and AXZ = 8.68± 2.41%).

Keywords: Selective Laser Melting; Direct Metal Laser Sintering; porosity; titanium alloys; yield
strength; ultimate tensile strength; X-Ray Diffraction

1. Introduction

Direct Metal Laser Sintering (DMLS) is predicted to revolutionize the implants manufacturing.
However, it is crucial to understand the possibilities and limitations of the process for the Ti6Al4V
alloy, which is still the subject of extensive research. Phase transitions, as a result of heat treatment,
have a considerable influence on the mechanical properties of the material [1,2], as well as α lath
thickness [3]. Hrabe and Quinn [4] conducted a series of experiments to determine the effect of
a microstructure on the properties of the samples in order to compare the mechanical properties of
the Ti6Al4V alloy. Their work revealed that the orientation of the base plane in relation to the load
direction is of great importance. The yield strength was the highest when the direction of the load
was perpendicular to the base plane and the lowest in the orientation of an angle of 45◦, resulting in
a maximum shear stress at the basic plane. They have also proved that the texture has almost no effect
on the ductility.

Materials 2019, 12, 2331; doi:10.3390/ma12142331 www.mdpi.com/journal/materials1
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In numerous research papers, it has been proved that the Ti6Al4V alloy’s microstructure created
with a laser beam has some unique features that are characteristic of DMLS [5]. Tests of Ti6Al4V
samples made with the use of Nd: YAG lasers presented that columnar grains are a common feature
of microstructures made with additive techniques [6–9]. These grains grow along the boundaries of
the original β grains, along with the build direction, as a result of repeated cycles above the β-transus
and solidification temperatures, which start at a temperature of about 1660 ◦C. When passing through
the liquidus line, the grain growth of the primary β phase occurs very quickly, making the grains
orientation vertical, according to the build direction [10,11]. The laser beam creates a pool of molten
material, from which the heat is transferred to the environment and to the already solidified layers.
As the material below the top layer is again partially melted, the grains grow epitaxially from the layer
below [12–14]. Some researchers suggested that the presence of columnar grains in DMLS samples may
result in anisotropic mechanical properties of as-build samples (immediately after sintering) [15,16].
Regarding mechanical properties, it has been shown that cracks tend to spread along columnar
grains [17,18]. Depending on the direction of tensile forces and the orientation of the columnar grains,
there were differences in the ductility of samples built in a vertical or horizontal direction [7,19,20].
While the tensile strength was approx. 1060 MPa in both directions, the elongation was 11% and 14%
for samples build in vertical and horizontal orientation, respectively.

The microstructure of the Ti6Al4V alloy produced by SLM technology is entirely made of
the martensitic α’phase [10,21]. This is a result of high rates of heating and cooling of the solidified
powder, which are neglected in the DMLS process [22]. Fine martensitic structure α’determines
a high yield point and ultimate tensile strength (UTS) of more than 1 GPa, but also has a low
elongation value, not exceeding 10%, and therefore lower than forged and casted materials [6,7,10,23].
Vranckenet al. analyzed the effect of various heat treatments on the microstructure of samples
manufactured with SLM technology, taking into account different times, temperatures, and cooling
rates [24]. The original α’structure has been transformed into a α + β plate mixture with heating
below β-transus, while the features of the original microstructure (columnar grains) were preserved.
After the heat treatment above the β-transus temperature, a clear change in the microstructure
was observed—the columnar β grains were transformed into equiaxed grains.

The presence of defects in the microstructure, which are the source of initiation and propagation
of cracks, as well as their random distribution, influences the reduction of fracture strength and fatigue
strength due to significant stress peaks [25–28]. The morphology, number, size, and location of defects
also affect the durability of samples created with the use of SLM technology. Qui et al., Liu et al.,
Gong et al., and Zhang et al. proved that spherical defects had less impact on durability if their volume
did not exceed 1% [7,26,29,30]. The fracture toughness was significantly lowered, while spherical
defects created over 5% of material porosity. Irregular defects in the volume of up to 1% turned out
to be much more harmful for the samples tested in terms of mechanical strength. Kasperovich et al.
tested samples that were subjected to various types of post-treatment—their aim was crack elimination,
which occur in the structure, to improve fatigue strength [31]. Their research indicated that the heat
treatment process only affected the change of the microstructure, however, it did not eliminate its
defects, and therefore the improvement of fatigue life was negligible. As it is difficult to control
the type, quantity, and location of defects in DMLS parts, fatigue strength can be different, even when
the manufacturing process is carried out using regular parameters. Therefore, the fatigue strength
of components manufactured by SLM technology still raises doubts and requires further research to
be improved.

A number of studies conducted by Leuders et al., Qui et al., and Simonelli et al. have shown that it
is possible to obtain a density of more than 99.5% for Ti6Al4V samples produced with the use of a laser
beam [6,7,10]. Some researchers suggest that, due to the apparent density of the powder (50–60%),
small amounts of gas may be entrapped in the material after solidification, resulting in the pores
formation, which can be defined as small and empty spaces inside the solid material [3,32]. Gas pores
are detrimental to mechanical properties because they act as stress concentrators in components under
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load, reducing fatigue life and elongation [7,25,33,34]. For this reason, one of the objectives of this
work was to analyze the effect of porosity on the mechanical properties of samples obtained with
DMLS technology.

The unique properties of titanium in medical applications were discovered relatively recently in
the mid-1970s.Pioneering research, which was conducted in 1983, presented that this material promotes
bone build-up on its surface (contact osteogenesis), causing a slight inflammatory reaction of tissues to
foreign bodies [35]. One of the alloys meeting the requirements for biomaterials is a two-phase alloy
Ti6Al4V (Titanium Grade 5/UNS R56400/WNR 3.7165), consisting of aluminum (6%) and vanadium
(4%). This alloy is used in many industries, but mainly in biomedical engineering [36].

Concern about the validity of the titanium alloy in biomedical applications arouse the presence
of aluminum and vanadium, and its toxicity to living organisms have been well documented [37].
However, specialists in the field of materials and medicine ensure that the occurrence of complications
associated with the release of corrosion products to the tissues surrounding the implant is negligible,
as titanium and its alloys undergo spontaneous surface passivation [38]. This process is related to
the spontaneous formation of a tight and stable TiO2 layer, formed on the surface, protecting the implant
from the aggressive tissue environment and corrosion processes [39]. The unique properties of
the Ti6Al4V alloy such as high corrosion resistance, so-called relative strength, low modulus of elasticity,
high biocompatibility, excellent osseointegration, or low density, allow for the comprehensive use of its
potential [40]. On the basis of ASTM F 1472 specifications for a forged Ti6Al4V alloy used as a medical
material, the YS and UTS should not be lower than YS = 868 MPa and UTS = 930 MPa, respectively,
and the elongation at the moment of break should be no less than 10%. Obtaining such properties with
additive technologies requires a precise selection of DMLS parameters and additional heat treatment,
due to which the stresses in the material will be eliminated, and the single-phase martensitic structure
will decompose into a two-phase structure suitable for implantable biomaterials.

While the technology of selective laser melting is standardized, each commercial DMLS system
presented in the published studies shows a separate characteristic in terms of materials and basic process
characteristics (powder delivery to the working field, platform temperature, optical system, and laser)
that affect the obtained results [41,42]. Literature analysis indicates a lack of a systematic approach to
the study of laser–metal interactions, which would be beneficial for the further development of DMLS.
To determine the optimal process parameters, extensive and comprehensive research on the relation
of process conditions and product properties are required. Therefore, the key to this study was to
investigate how the orientation affects the strength of the material and whether the heat treatment
temperature can affect the reduction of the anisotropy of the material obtained with DMLS technology

2. Materials and Methods

The verification of the chemical composition of the analyzed powder was carried out using
Thermo ARL Quantris spectrometer Spectrometer (Thermo Fisher Scientific, Waltham, MA, USA).
Detailed results of the powder analysis are presented in Table 1. The content of Al and V was within
the range specified in ASTMF 2924-14 (Standard Specification for Additive Manufacturing Titanium-6
Aluminum-4 Vanadium with Powder Bed Fusion).

Table 1. Chemical composition and material characteristics of used powder.

Element Al V O N H Fe C Ti

wt.% 5.97 4.04 0.195 0.036 0.010 0.24 0.061 Bal.
ASTM F
2924-14 5.5–6.75 3.5–4.5 <0.2 <0.05 <0.015 <0.3 <0.08 Bal.

Powder particle size measurements were performed using the ANALYSETTE 22 Micro Tec plus
particle analyzer from FRITSCH GmbH Milling and Sizing (Idar-Oberstein, Germany). According to
the powder producer (EOS company, Krailling, Germany), the average particle size is around 30 μm.
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However, laboratory analyzes revealed that the particle size was in the range of 10 to 100 μm.
The average particle size obtained for three subsequent measurements of the particle distribution was
equal to 39.81 μm, with about 94.2% of the particles investigated ranging from 20 to 80 μm (0–30 μm,
18.12%; 30–80 μm, 80.82%, 80–100 μm, and 1.10%). The grains observed under the microscope were
spherical and smooth, with numerous satellites, which correspond to the morphology of gas sprayed
powder. The advantage of spherical morphology and wide particle size distribution has high fluidity
and high packing density.

Thirty groups of test samples were used in experimental research. In each group, different laser
powers (130 W, 150 W, 170 W, 190 W, and 210 W) and different beam speeds (300 mm/s, 500 mm/s,
700 mm/s, 900 mm/s, 1100 mm/s, and 1300 mm/s) were used. In all samples, a cross–scan pattern was
used and the same distance of scanning vectors was maintained, as well as layer thickness (0.03 mm),
spot size (0.1 mm), and hatch distance (0.1 mm). The process parameters used in the present study
have been presented in Table 2.

Table 2. Processing parameters.

Scanning Velocity (mm/s)

Laser Power [W]

130 150 170 190 210

Energy Density (J/mm3)

300 144 166 188 211 233
500 87 100 113 127 140
700 62 71 81 90 100
900 48 56 63 70 74

1100 40 45 52 58 64
1300 33 38 44 49 54

The energy density (E) was calculated based on laser power (P), the distance between the laser
scan line (h), scanning speed (v), and layer thickness (t), which is presented in Equation (1) [13].

E =
P

vht
[J/mm3] (1)

DMLS samples were divided into five groups—four of them were heat treated and one remained in
the as-build state. Samples were heated for 2 h at 650 ◦C, 750 ◦C, 850 ◦C, and 950 ◦C. Heat treatment
was carried out in a vertical furnace, heating at a rate of about 10 ◦C/min, under argon atmosphere
(to prevent oxidation of the titanium surface). The samples were cooled with the furnace to 500 ◦C
at a rate of about 0.04 ◦C/s, and then cooled in the air. After heat treatment, the samples were
grinded with abrasive paper with gradations of 200, 500, and 800, purified in 70% ethanol, rinsed with
deionized water, and then electropolished in a bath solution using a perchloric acid, glacial acetic acid,
and distilled water mixture in a volume ratio of 1:10:1.2 [43]. The current density was equal to 0.3 A/cm2.
The samples were treated with fresh solution at room temperature (25 ◦C) for 15 min. The Bruker
Sky Scan 1172 (Brucker, Billerica, MA, USA) scanner with set parameters: Number of rows—2664,
number of columns—4000, Au + CU filter, sample rotation—0.2500, and pixel size—4.28 μm was used
for microtomographic optical analysis. Scanned images of samples were reconstructed with the use of
software dedicated to micro-CT image analysis—NRecon, Data Viewer, CTvox, and CTAn. Tensile
properties were studied using a Hegewald and Peschke INSPEKT (Meß—und Prüftechnik GmbH,
Nossen, Germany) test machine with a maximum breaking strength of 5 kN. Displacements were
measured by using an extensometer with a 25 mm gauge length. Yield stress and Young’s modulus
were determined according to ASTM E 111. XRD X–ray phase analysis was performed using a Bruker
D8 Advance Eco-ray diffractometer (Brucker, Billerica, MA, USA), equipped with a Cu Kα1 X-ray
tube = 1.5406 Å and an SSD160 detector (Brucker, Billerica, MA, USA) adapted for ultra–fast XRD
diffraction detection.
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3. Results and Discussion

All samples were produced on one mounting plate. Due to the specificity of the process, changes
in the dimensional accuracy of the samples with respect to nominal dimensions (Figure 1a) were
expected. The dimensional accuracy was affected by the intensive degreasing of samples in an ultrasonic
washer and resulted in the rinsing out of loose, unmelted powder grains, and consequently, changes
in the dimensions of the samples. Thirty randomly selected samples were subjected to detailed
measurements in strictly defined places—fourteen points, marked A through M, presented in Figure 1b.

Figure 1. Nominal dimensions of a single sample (a) and measurement points (b).

The dimensions of each sample were measured with a digital caliper to an accuracy of 0.01 mm.
The list of measurements is presented in Table 3.

Table 3. Dimensional accuracy of samples for testing mechanical properties.

Dimension
Thickness
A–E [mm]

Necking
H/I/J [mm]

Width F/G/K/L
[mm]

Length M–N
[mm]

Nominal 2 2 7 45
Min 2.48 2.07 6.97 45.55
Max 2.55 2.17 7.16 45.65

Average 2.51 2.12 7.07 45.58
Standard deviation 0.01 0.02 0.06 0.03

3.1. Porosity

Polished and etched surfaces of cylindrical samples were subjected to microscopic observations.
The effect can be seen in Figure 2. It was concluded that the change in scanning speed as well
as the change in laser power significantly affected the shape and the number of pores.
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Figure 2. Graphical representation of the variable pore morphology in vertical samples manufactured
with Direct Metal Laser Sintering (DMLS) technology, perpendicular to the build direction; 100×.

The quantitative analyzes allowed for a precise assessment of the samples porosity by means
of non-destructive microtomographic examination. The correlation between the decreasing value of
the melting energy density and the increasing porosity is highly noticeable (Figure 3). However, porosity
increases significantly with the increase of scanning speed. This regularity was observed in each group
of samples. For samples melted with a laser power of 130 W and a scanning speed of 500 mm/s,
the material density was almost 99%. The porosity in the range of 0.72% indicates the presence of internal
defects in the structure. An increase is observed below and above 500 mm/s in porosity—from 1.27%
at a speed of 300 mm/s to 9.31% at a speed of 1300 mm/s (Figure 3a). Samples melted with a power of
150 W and 300 mm/s were characterized by a porosity of 1.5%. Above 500 mm/s, an increase in porosity
was observed—from 3.37% at a speed of 700 mm/s to 8.43% at a speed of 1300 mm/s. The minimum value
porosity of 0.46% was observed at a laser speed of 500 mm/s. In comparison to samples manufactured
at 130 W with the same speed, the porosity was lower by 0.26%. The difference between the maximum
porosity values obtained for the highest laser speed was less than 1% (Figure 3b). For samples melted
with a laser power of 170 W at scanning speeds from 300 to 700 mm/s, the porosity of the material
varies from 1.69% to 0.8%. Above 700 mm/s, an increase in porosity is observed—from 5.29% at a speed
of 900 mm/s to 7.29% at a speed of 1300 mm/s. Samples melted with a power of 170 W achieved
a density of more than 99% for two scanning speeds—500 and 700 mm/s. The highest density,
99.73%, was obtained for samples scanned with 700 mm/s (Figure 3c). Additionally, for samples
melted with a laser power of 190 W and scanning speed of 500 mm/s and 700 mm/s, porosity did not
exceed 1%. The lowest value of porosity was observed for samples melted with 500 mm/s—0.16%.
At a scanning speed of 300 mm/s, microstructure defects in the analyzed samples were slightly below 2%,
while a further increase in scanning speed above 500 mm/s resulted in higher porosity—from 0.68% for
700 mm/s to 6.57% for 1300 mm/s (Figure 3d). Similar characteristics were found for samples melted
with a power of 210 W. The porosity obtained at 300 mm/s exceeded 2% and a decreasing tendency
was observed along with the increase of sintering speed to 700 mm/s. After exceeding 700 mm/s,
the porosity increased again, reaching a maximum value of 6.16% at a sintering speed of 1300 mm/s.
The lowest porosity was obtained at 700 mm/s and was 0.45% (Figure 3e).
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Figure 3. The influence of scanning speed and energy density on the porosity: (a) 130 W, (b) 150 W,
(c) 170 W, (d) 190 W, (e) 210 W.

At low energy density (33–71 J/mm3), the porosity ranges from 9.31% to 3.37%. The pores are
unevenly distributed, irregular in shape, and interconnected. Porosity is characterized by large
recesses filled with loose particles of unmelted grains. A possible explanation for this is a low energy
density and relatively small depth of laser penetration, which make the size of the melt pool too small
as the powder particles are not sufficiently liquefied to completely melt, but provides a sufficient bond
between the layers. The increase in energy density from 78 J/mm3 to 127 J/mm3 generates a relatively
high temperature, which facilitates the flow of liquid and fills the space between already melted grains,
causing the porosity in the range of 0.84–0.16%.

At higher energy densities, the pores are small and mostly spherical, and their formation is most
often associated with gas bubbles trapped under the molten powder layer. An increase in the laser
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energy density above 127 J/mm3 causes changes in the pore morphology and an increase in porosity
from 1.12% for 140 J/mm3 to 2.18% for 233 J/mm3 (Figure 4).

Figure 4. Relation of porosity and energy density for Ti6Al4V DMLS alloy.

The influence of energy density on porosity was also investigated by Han et al. [44], Laquai et al. [45],
and Dilip et al. [46]. While the range of the optimal power density indicated by Han and Lagui
is similar to that obtained in the present study (120–180 J/mm3 and 120–195 J/mm3, respectively),
significant differences were observed. Both authors state that the porosity in the tested samples did
not exceed 0.05%. What is more, Han also revealed that, in the range of much lower (60 J/mm3)
and much higher (240 J/mm3) energy density, the density of melted material is not less than 99.75%.
Lagui, on the other hand, observed an increase in porosity just above 1% for only energy densities
below 50 J/mm3 and above 300 J/mm3. Completely different characteristics were presented by
Dilip et al. [47]. They showed that the optimal range of energy density was between 50 and 66 J/mm3

(porosity below 0.5%), for energy densities around 40 J/mm3, the porosity increased to about 5%,
while at higher energy densities between 90 and 130 J/mm3, the porosity was about 10%.

3.2. Mechanical Properties

The layered structure obtained in DMLS technology makes the samples characterized by anisotropic
mechanical properties. For this purpose, two types of samples were printed—vertically oriented
samples (V, ZX) and horizontally orientated samples (H, XZ; Figure 5). The layering in both samples was
perpendicular to the building direction (Z), while the tensile forces acting on the samples were oriented
perpendicular to the layers in the ZX samples and parallel to the layers in the XZ samples. The tensile
strength results presented in Figures 6–10 were calculated on the basis of five consecutive tests.
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Figure 5. Tensile samples oriented in: (a) XZ plane and (b) ZX plane.

3.2.1. As-build Samples

Based on ASTM F 1472 specifications for the forged Ti6Al4V alloy used as medical materials,
YS and UTS should not be lower than 868 and 930 MPa, respectively, and elongation at break
should be no less than 10%. For all as-built samples (Figure 6a–c), the yield strength and tensile
strength significantly exceeded the minimum requirements for the forged material described in
the standard and were equal to 1065.46 ± 127.91 MPa and 1100.13 ± 126.17 MPa, respectively.
The highest strength was characterized by samples melted with 190 W power and 500 mm/s speed
(Re max = 1261 ± 5.65 MPa and Rm max = 1288 ± 28.28 MPa), while the lowest was the samples
melted at 130 W and a speed of 1300 mm/s (Re min = 885 ± 7.07 MPa; Rm min = 918.5 ± 28.99 MPa).
In the group of samples melted with 130 W and 1100–1300 mm/s, strength parameters did not meet
the criteria of ASTM F 472.The fragility of the martensitic microstructure and the presence of residual
stresses are responsible for the lower ductility.

It can be determined that the samples elongation was definitely lower than required in this standard,
and its average value was 4.23 ± 1.24%, with the maximum elongation in this group of samples being
A max = 5.8 ± 0.84%, and the minimum A min = 2.2 ± 0.56%. The tensile strength of Ti6Al4V samples
produced by the DMLS method is only slightly higher than their yield strength, which indicates
the brittleness of the material and its low ductility. An increase scanning speed above 700 mm/s in
almost every sample group influences the reduction of the strength parameters and elongation. This is
due to the fact that higher speeds cause the generation of a lower energy density, which results in
structural defects and the weakening of bonds between layers. Additionally, the increase in power
affected the changes of mechanical parameters—tensile strength increased from 1050 ± 136.97 MPa
(130 W) to 1148.83 ± 106.74 MPa (210 W). YS and A also increased—from 1013.58 ± 134.95 MPa
to 1112.41 ± 109.85 MPa and from 3.72 ± 1.43% to 4.72 ± 0.99%.

The surfaces fracture of non-heat treated samples showed mixed characteristic of brittle and ductile
fracture, accompanied by very small plastic deformation. Fracture surfaces were characterized by
the presence of shallow dimples on quasi cleavage surface, delamination, or stepped cracks, suggesting
intergranular destruction along hard, prone to cracking, brittle needles α’, which then propagated
due to decohesion caused by further deformation of the sample. A large number of gas defects
and pores caused the concentration of stress and violent crack propagation, and the mixed nature of
cracking to a limited elongation (Figure 6d).
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Figure 6. Strength parameters of as–built samples with different laser speeds and powers: (a) 130 W,
(b) 170 W, (c) 210 W, and (d) fracture surface: (I) 130 W, 300 mm/s, ZX; (II) 130 W, 300 mm/s, XZ; 900×;
Rm min and Re min for Ti6Al4V in accordance with ASTM F 1472.

3.2.2. Heat Treatment at 650 ◦C

Despite heat treatment, the results of tensile and yield strength were still higher than the minimum
determined by the ASTM F 1472 standard (Rm = 1071.7 ± 128.08 MPa; Re = 994.85 ± 124.91 MPa),
and the elongation was also unsatisfactory and almost a half lower than required (A = 4.24 ± 1.25%).
The highest strength was characterized by samples melted with the power of 190 W and the speed of
500 mm/s (Rm max= 1237± 26.87 MPa; Re max= 1192.5± 6.36 MPa), the lowest was the samples melted
with the power of 130 W at a speed of 1300 mm/s (Rm min = 864.5 ± 24.74 MPa; Re min = 810 MPa).
The tensile strength of ZX samples decreased to an average of 1050.73 ± 145.97 MPa, and XZ samples
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to 1023.86 ± 206.64 MPa. With the decrease in strength properties, the elongation increased for ZX
samples to 4.27 ± 1.57%, and for XZ samples to 4.21 ± 0.83%. The differences in tensile strength between
the samples printed in the XZ plane and ZX plane was approx. 3.3% (Figure 7a–c). Obtained results
clearly indicate that annealed samples had higher elongation at break—regardless of their orientation,
and thus better ductility, in comparison to as-build samples. A large range of values from average
elongation at break indicates that the improvement is not as significant as in other works presented in
the literature [24,25,45]. The minimum elongation value, according to the standard, cannot be lower
than 10%, which in the case of the applied heat treatment, was not obtained for any of the samples,
therefore reducing the stresses turned out to be beneficial for DMLS Ti6Al4V, but is still insufficient to
meet the criteria imposed by ASTM F 1472. The surface of the breakthrough remained mixed, with
features of brittle and ductile fractures, with shallow dimples staircase cracks and pores (Figure 7d).

Figure 7. Strength parameters of samples heat treated at 650 ◦C with different laser speeds and powers:
(a) 130 W, (b) 170 W, (c) 210 W, and (d) fracture surface: (I) 130 W, 300 mm/s, ZX; (II) 130 W, 300 mm/s,
XZ; 900×; Rm min and Re min for Ti6Al4V in accordance with ASTM F 1472.
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3.2.3. Heat Treatment at 750 ◦C

Annealing at 750 ◦C for 2 h significantly reduced the strength parameters and increased
the plasticity of the material, as a result of partial phase transformation α’→ α + β and at the same time
caused the growth of grain α, thus changing the phase composition and grain morphology (in relation
to as-build samples).

For heat treatment at 750 ◦C, the Rm of the samples was equal to 1002.88 ± 119.42 MPa,
while Re = 900.07 ± 77.43 MPa. The highest strength was again achieved in samples melted with
a power of 190 W and a speed of 500 mm/s (Rm max = 1169.5 ± 6.36 MPa; Re max = 1085.5 ± 13.43 MPa).
The lowest tensile strength and yield strength were obtained in samples melted with a power
of 130 W and a speed of 1300 mm/s again—the average value of Rm min = 812 ± 11.31 MPa;
Re min = 723 ± 12.72 MPa. Heat treatment also had a slight influence on the elongation—increased
from A = 5.24 ± 1.25% to A = 5.71 ± 1.69%. The difference in the strength of the ZX and XZ samples
also decreased: ZX Rm = 1002.27 ± 126.06 MPa, XZ Rm = 998.72 ± 113.82 MPa, similar to the yield
strength—Re = 899.53 ± 133.26 MPa (for ZX), Re = 900.6 ± 115.76 MPa (for XZ). The elongation for ZX
samples increased to 5.75 ± 2.07%, while for XZ samples, to 5.67 ± 1.23% (Figure 8a–c). The nature of
the fractures area has changed slightly, showing more features of a ductile fracture than in the case
of previous samples. On the fracture surfaces, defects of the microstructure, i.e., pores, cracks,
and discontinuities of the material, were visible (Figure 8d).

Figure 8. Cont.
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Figure 8. Strength parameters of samples heat treated at 750 ◦C with different laser speeds and powers:
(a) 130 W, (b) 170 W, (c) 210 W, and (d) fracture surface: (I) 130 W, 300 mm/s, ZX; (II) 130 W, 300 mm/s,
XZ; 900×; Rm min and Re min for Ti6Al4V in accordance with ASTM F 1472.

3.2.4. Heat Treatment at 850 ◦C

Heat treatment at 850 ◦C led to a change in the microstructure and decomposition of the α’phase
to the α + β. Therefore, it can be assumed that the samples annealed at this temperature presented
the best relationship between strength and elongation. The average tensile strength value for all
analyzed samples was equal to 908.63 ± 119.49 MPa, yield strength 795.9 ± 159.32 MPa, and elongation
at break 8.72 ± 2.51%. The highest tensile and yield strength were again characterized by samples
of 190 W/500 mm/s (Rm max = 1058 ± 4.94 MPa; Re max = 958 ± 4.95 MPa), the lowest was again
the samples of 130 W/1300 mm/s. The average value of Rm min was 724.5 ± 4.95 MPa, and Re
min = 625.5 ± 6.36 MPa. A significant part of the samples treated at this temperature does not meet
the criteria of ASTM F 1472 in terms of tensile strength and yield strength, but they still meet the criteria
of ASTM F 1108-14.

What is more, processing at 850 ◦C resulted in homogenization of the microstructure, and as
a result, anisotropic properties of differently orientated samples have disappeared. The tensile strength
of ZX samples was therefore Rm = 908.36 ± 122.79 MPa, samples XZ Rm = 908.97 ± 118.198 MPa,
the yield strength Re for both orientations was equal to: 807.83 ± 124.05 MPa and 810.56 ± 124.05 MPa,
and elongation A: 8.75 ± 2.65% and 8.68 ± 2.41% (Figure 9a–c). The surface fracture is typically ductile,
with dimples and voids, in the middle of which there are particles of inclusions. In the central part
of the crack, the dimples are equi-axial, while on the sides they have a strong shearing character
and a parabolic shape (Figure 9d).

Figure 9. Cont.
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Figure 9. Strength parameters of samples heat treated at 850 ◦C with different laser speeds and powers:
(a) 130 W, (b) 170 W, (c) 210 W, and (d) fracture surface: (I) 130 W, 300 mm/s, ZX; (II) 130 W, 300 mm/s,
XZ; 900×; Rm min and Re min for Ti6Al4V in accordance with ASTM F 1472.

3.2.5. Heat Treatment at 950 ◦C

Heat treatment at 950 ◦C significantly affected the change in the microstructure—similarly to
that in the lower temperature treatment, the α’martensitic phase decomposed into the α + β phase
mixture, but temperature close to β-trasus caused increased grain size and deterioration of plastic
properties. Therefore, along with the decrease in the value of strength properties, the elongation
at break decreases. As a result, the analyzed properties have the following values: Tensile strength
Rm for all analyzed samples is 848.48 ± 86.56 MPa, yield strength 781.35 ± 96.3 MPa, and elongation
at break 7.75 ± 2.69%. The highest measured values of tensile strength and yield stress are, respectively,
Rm max = 931 ± 1.41 MPa; Re max = 927.5 ± 3.54 MPa, while the lowest—Rm min = 702.5 ± 12.5 MPa
and Re min = 615.5 ± 6.36 MPa (Figure 10a–c). The character of the fracture surface remains ductile
(Figure 10d).
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Figure 10. Strength parameters of samples heat treated at 650 ◦C with different laser speeds and powers:
(a) 130W, (b) 170W, (c) 210W, and (d) fracture surface: (I) 130 W, 300 mm/s, ZX; (II) 130 W, 300 mm/s,
XZ; 900×; Rm min and Re min for Ti6Al4V in accordance with ASTM F 1472.

The obtained data is supplemented by the assessment of the influence of porosity on the strength
and elongation of samples, the yield point and Young’s modulus (Figures 11 and 12). With the increase
of porosity, all these parameters revealed a downward trend, which clearly indicates that defects of
the microstructure strongly affect the mechanical properties of the material.

15



Materials 2019, 12, 2331

Figure 11. Influence of porosity on Ultimate Tensile Strength and Yield Strength of as-build and heat
treated at 850 ◦C samples.

Figure 12. Influence of porosity on Young modulus and elongation of as-build and heat treated
at 850 ◦C samples.

The analysis of the obtained results revealed that samples build in the ZX orientation compared
with XZ had a higher yield strength, tensile strength, and elongation, if the volume of the microstructure
defects does not exceed 2%. Vertical samples (ZX)—due to the layered structure—are seemingly more
prone to initiation and cracks propagation than horizontal samples (XZ), however, they showed higher
tensile strength and yield strength. The explanation of this phenomenon is related to the microstructure,
especially to the columnar β grains. These grains grown perpendicular to successive layers of molten
powder and in accordance with the direction of building the element. As a result, in the XZ samples,
tensile force direction was perpendicular to the β grains, whereas in the ZX samples, the direction
of the force was parallel. In vertical samples, the grains were axially extended, which had a positive
effect on the strength properties of the whole sample. The same orientation between the columnar
grains and the direction of the tensile forces led to a reduction of the grain boundary resistance,
which no longer constituted an effective obstacle to the dislocation movement and which could be
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subject to greater distortion [48,49]. Reducing the energy density by reducing the laser beam power
and increasing the scanning speed resulted in defects between successive layers of material [50,51].
For highly porous samples, force was applied parallel to the layers and caused pores deformation
consistent with the direction of force, whereby the stress concentration around the pores was several
times lower, and consequently, the material was less susceptible to the initiation and propagation
of cracks.

Based on the microstructure and changes in mechanical properties analysis, presented in the paper,
DMLS parameters, application of which guarantees the achievement of a biomaterial with properties
consistent with ASTM F 1142, were indicated in Table 4.

Table 4. List of DMLS parameters and properties of Ti6Al4V alloy heat treated at 850 ◦C meeting
the criteria of ASTM F 1142 standard for implantable biomaterials.

P
[W]

V
[mm/s]

Rm [MPa] Re [MPa] A [%] E [GPa] Es
[J/mm3]

P
[%]ZX XZ ZX XZ ZX XZ ZX XZ

150 500 1056 ± 13 1052 ± 12 954 ± 10 950 ± 8 13.4 ± 0.5 13.2 ± 0.6 106.5 ± 1.3 106.2 ± 0.6 100 0.46
170 500 1074 ± 13 1069 ±10 974 ± 9 973 ± 7 13.7 ± 0.6 13.6 ± 0.5 107.5 ± 0.7 107.5 ± 0.8 113 0.27
190 500 1080 ± 10 1077 ± 11 982 ± 9 980 ± 9 14.3 ± 06 14.1 ± 0.7 108.0 ± 1.2 108.7 ± 0.5 127 0.16
210 700 1062 ± 12 1055 ± 10 962 ± 9 954 ± 8 13.5 ± 0.5 13.3 ± 0.8 107.2 ± 1.0 107.4 ± 0.9 100 0.45

3.3. Microstructure Characterisation

Unique thermal features, such as heat input, large temperature gradients, and high cooling
ratesdramatically affected as-built martensitic α’microstructures and led to high residual stresses.
Annealing at 650 ◦C for 2 h was intended to remove residual stress from the material. The use of this
heat treatment resulted in the decomposition of a small amount of the martensitic phase in the α + β

equilibrium phase, as well as the nucleation and slow increase of the α phase at the boundaries of
martensitic needles. Nevertheless, the microstructure has not changed significantly compared to
untreated, and the columnar grain structure has been retained. This is due to the fact that rapid
cooling during the DMLS process leads to the formation of dislocation within the alloy. These defects
have an inhibitory effect on the α-phase distribution. Furthermore, during annealing at 650 ◦C,
which is significantly below than β–transus, the driving force of the phase distribution is insufficient.
The microstructure after heat treatment at 650 ◦C still remained needle-shaped (Figure 13a). The only
noticeable change was the increase in grain thickness to 0.6 μm (Table 5).

The microstructure of samples annealed at 750 ◦C for 2 h and cooled together with the furnace
clearly indicate the decomposition of fine martensite into α and β mixture, in which the α phase
occurs in the form of fine needles (Figure 13b). The analyzed microstructure consisted of a smaller
amount of α’ martensite embedded in the more stable α and β phase. According to the findings of
Shunmugavel et al., the upper limit of martensite decay in the Ti6Al4V alloy is 800 ◦C, which means
that only above this temperature martensite is completely decomposed into the phases α and β [14].
The average thickness of α’ plates was 1.2 μm.

Heating of samples at 850 ◦C for 2 h significantly influenced the changes of
the microstructure—the α’ phase completely decomposed into the mixture of α and β phases.
The α grain thickness increased to the average value 1.5 μm. Heat treatment carried out at 850 ◦C did
not change the morphology of the primary β grains. The reason for this is the coexistence of the α + β

phases, which mutually inhibit their further growth. Different orientation of the growth of adjoining
grains prevents the migration of boundaries in the axial direction, which leads to slight changes in
their shape (Figure 13c).

The increase of the annealing temperature to 950 ◦C resulted in the reduction of the inhibitory
effect of the grain boundaries—the structure was transformed into coarse grains. The average width
of the plate grains of the α-phase after annealing was approximately 2.3 μm. This was the result of
the increase in the driving force of the α→ β phase decay and the joining of the adjacent β grains
under the influence of high temperature. In the fully lamellar microstructure, the size of the α colony
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and the alternately packed α and β plates with a clear orientation define the grain and have a strong
influence on the size and length of the slip, determining the ductility of the Ti6Al4V alloy (Figure 13d).
Thus, after a heat treatment at 950 ◦C, a lower strain was expected during the static tensile test.

Figure 13. SEM images of microstructure of heat treated samples: (a) 650 ◦C, (b) 750 ◦C, (c) 850 ◦C,
and (d) 950 ◦C.

Table 5. Change the grain size in respect of energy density and temperature.

Heat Treatment
Energy Density [J/mm3]

33 100 233 Average

AB 0.17 ± 0.05 0.25 ± 0.08 0.38 ± 0.06 0.27 ± 0.11
650 ◦C 0.42 ± 0.11 0.57 ± 0.12 0.81 ± 0.11 0.60 ± 0.22
750 ◦C 0.81 ± 0.10 1.16 ± 0.15 1.63 ± 0.09 1.20 ± 0.41
850 ◦C 1.17 ± 0.12 1.49 ± 0.13 2.11 ± 0.11 1.59 ± 0.48
950 ◦C 1.83 ± 0.15 2.31 ± 0.18 2.80 ± 0.21 2.31 ± 0.49

The analysis of the microstructure made of Ti6Al4V alloys produced under heat treatment was
conducted by phase analysis (Figure 14). XRD spectra clearly presented that the α’ phase was
the dominant fraction in as-build samples. All peaks untreated material were indexed as the α’ phase,
while the β phase was not detected. Both martensitic phases α and α’ have similar crystallographic
cell parameters. However, since fast cooling may promote martensitic transformation, it was expected
that the hexagonal hcp phase in the material was acicular martensite. Therefore, metastable martensite
remained as the only phase present at room temperature in the alloy Ti6Al4V produced by DMLS
technology. In the material heat treated at 650 ◦C, the main peaks remained the same as in the as-build,
however peaks (110) β-Ti2θ = 38.57◦ and (211) β-Ti (2θ = 71.02◦) corresponded to the β phase. A similar
pattern was obtained for heat treatment at 750 ◦C, only the intensity of α–peaks increased due to
the increase in grain thickness. Figure 9 presented phase analysis for V oriented samples melted with
an energy density of 100 J/mm3.

Heat treatment at 850 ◦C resulted in complete decomposition of α’ martensite into α + β phase
and this influenced the XRD pattern obtained in the study, because peaks 2θ = 35.40◦, 39.37◦, 40.47◦,
53.31◦, and 63.54◦ corresponded to the plate α-phase, not the α’ phase. The peaks of this phase showed
strong intensity, which was related to the increase in grain size. The intensity of peaks (110) β-Ti
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(2θ = 38.57◦) and (211) β-Ti (2θ = 71.02◦) also increased, which clearly indicates that a significant
amount of β phase increased due to the redistribution of alloying elements. The XRD of the annealed
material at 950 ◦C showed that the microstructure of the DMLS alloy formed a mixture of α + β phases.
This unambiguously confirms that the transformation temperature of β–transus is higher than 950 ◦C.

The change of microstructure as a result of heat treatment affects not only mechanical properties,
but also corrosion resistance. According to the literature, as-build samples show a poorer corrosion
resistance compared to heat treated samples. Based on published studies, it can be concluded that
the corrosion resistance depends on the volume of β phase—the more that is in the structure, the higher
the corrosion resistance [52,53].

Figure 14. XRD spectrum of Ti6Al4V alloy DMLS: (a) as-build, (b) annealing at 650 ◦C, (c) annealed
at 750 ◦C, (d) 850 ◦C, and (e) 950 ◦C for 2 h, cooled with a furnace.

4. Conclusions

This work aimed to determine the influence of DMLS parameters on the resulting properties of
the obtained material and to assess the effect of different heat treatment temperatures on the structure
and mechanical properties ofsamples oriented vertically and horizontally. The results of completed
research are the following conclusions:
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• The results of porosity in samples made with DMLS technology differs from those presented in
the literature; however, it should be noted that the micro-CT porosity analysis, which was carried
out in this work, allowed the assessment of total porosity, whereas in studies presented in the data
of the reference, these measurements were made on the basis of fragmentary image analysis or
the Archimedes method, which allows the estimation of apparent density.

• At low energy density (33–71 J/mm3), the porosity varies from 9.31% to 3.37%; the increase in
energy density from 78 J/mm3 to 127 J/mm3 causing the porosity in the range of 0.84–0.16%;
above 127 J/mm3, the porosity increase again as the effect of the material overheating.

• The microstructure created in the DMLS process is fine-grained α’ martensite, which determines
high strength properties and low ductility; this microstructure—due to the ferromagnetic properties
of martensite—should not be considered as a biomaterial and requires operations whose aim
is to change the microstructure to a biphasic phase and to obtain parameters compliant with
the normative ones.

• The tests showed that the most favorable combination of mechanical properties and structure
without theα’ phase may be obtained by annealing the material in the temperature range 850–950 ◦C
for 2 h, cooled together with the furnace.

• After heat treatment, the samples showed YS and UTS similar to those for wrought and annealed
Ti6Al4V—this was the effect of the coexistence of the α and β phases.

• Tensile strength tests showed the sensitivity of the as-build material for porosity and orientation
of samples, which results from the creation of columnar grains growing along the boundaries of
the prior β grains.

• Heat treatment influenced the reduction of tensile (Rm) and yield strength (Re) parameters with
a simultaneous increase of elongation (A) and Young’s modulus (E), additionally, heat treatment
at 850 ◦C resulted in homogenization of the microstructure and elimination of anisotropy resulting
from different directions of stretching samples and layering.

• The highest density of samples (porosity not exceeding 0.5%) was obtained for samples melted
with energy density in the range of 100–127 J/mm3.

• The analysis of the obtained results revealed that samples build in the ZX orientation compared with
XZ had a higher yield strength, tensile strength, and elongation, if the volume of microstructure
defects does not exceed 2%.

• Regardless of the energy density, the microstructure obtained in the DMLS process consists of
martensite needles, however, the higher the energy density, the larger the grain size; the size of
grains also grows with the increasing temperature of heat treatment, which affects the reduction
of strength properties and increase of elongation.
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Abstract: The current study aims to analyze the biomechanical effects of ultra-high molecular weight
polyethylene (UHMWPE) and carbon-fiber-reinforced polyetheretherketone (CFR-PEEK) inserts, in
varus/valgus alignment, for a tibial component, from 9◦ varus to 9◦ valgus, in unicompartmental knee
replacement (UKR). The effects on bone stress, collateral ligament force, and contact stress on other
compartments were evaluated under gait cycle conditions, by using a validated finite element model.
In the UHMWPE model, the von Mises’ stress on the cortical bone region significantly increased as
the tibial tray was in valgus >6◦, which might increase the risk of residual pain, and when in valgus
>3◦ for CFR-PEEK. The contact stress on other UHMWPE compartments decreased in valgus and
increased in varus, as compared to the neutral position. In CFR-PEEK, it increased in valgus and
decreased in varus. The forces on medial collateral ligaments increased in valgus, when compared to
the neutral position in UHMWPE and CFR-PEEK. The results indicate that UKR with UHMWPE
showed positive biomechanical outputs under neutral and 3◦ varus conditions. UKR with CFR-PEEK
showed positive biomechanical outputs for up to 6◦ varus alignments. The valgus alignment should
be avoided.

Keywords: computational model; biomechanics; unicompartmental knee replacement; UHMWPE;
CFR-PEEK; varus and valgus alignments

1. Introduction

Unicompartmental knee replacement (UKR) has become a popular alternative to total knee
replacement (TKR), owing to favorable patient satisfaction reports and functional outcomes [1,2].
With a more functional anatomy being maintained, UKR can provide faster recovery and better
restoration of knee kinetics, in comparison to TKR [3]. The long-term survival rates of UKR have been
considerably improved, owing to refined surgical techniques and strict patient selection [4].

Various studies have shown that inaccurate alignment or technical errors in prosthetic components
might cause early wear of polyethylene, periprosthetic fractures, and high revision rates to correct
residual pain that is caused by implant failure [5–7]. The main complications are caused by abnormal
tibial bone stress, which is thought to result from coronal malalignments of the tibial component.
Therefore, UKR can be considered as a more technically demanding surgical treatment. In addition,
numerous authors have suggested the relative malalignment of the knee in medial UKR, to avoid
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progressive osteoarthritis (OA) in the opposite compartment [8–10]. The effects of knee alignment on
the long-term outcome of UKR have received attention in some reports [10,11].

The wear of ultra-high molecular weight polyethylene (UHMWPE), in both fixed- and
mobile-bearings, continues to be a significant factor in the long-term performance of UKR [12].
Alternative polymers to replace UHMWPE in UKR or TKR have been proposed and they include the
use of carbon-fiber reinforced polyetheretherketone (CFR-PEEK). In most cases, the carbon fibers in
the CFR-PEEK materials are small, chopped fibers, and generally have no specific orientation in the
polyetheretherketone (PEEK) matrix. CFR-PEEK has been classified as a low wear material in a recent
in-vitro experimental study, being suitable for high-conformity scenarios, such as total hip replacement
and conforming UKR [13]. However, it was recently stated that the wear rates of CFR-PEEK were very
high and almost two orders of magnitude higher than the wear rate of ultra-high molecular weight
polyethylene (UHMWPE) under comparable conditions for total knee replacement (TKR) [14]. S. C.
Scholes and A. Unsworth stated that UKR with CFR-PEEK exhibited lower volumetric wear rates than
those that were previously found in conventional metal-on-UHMWPE prostheses when tested under
similar conditions [15]. Further study is required to confirm CFR-PEEK as an alternative material to
UHMWPE. However, to the best of our knowledge, there has been a lack of research on the tibia bone
stress when using CFR-PEEK tibial insert materials, which is an important factor determining aseptic
loosening and anteromedial pain.

Most frequently, UKR is performed at a perpendicular coronal tibial position. However, various
studies have reported improved results upon placing the tibial component parallel to the line of natural
tibial joint, or within a few varus degrees of the epiphyseal axis [16,17]. There has been no study on the
biomechanical effects of CFR-PEEK when compared to UHMWPE, with respect to varus and valgus
alignments in the tibial component. Moreover, as mentioned above, there has been no biomechanical
justification for the UHMWPE insert in the varus and valgus alignments in the tibial component.

The purpose of this study is to evaluate the biomechanical effects of the various varus/valgus
alignment positions of tibial components in UKR with different UHMWPE and CFR-PEEK insert
materials. We evaluate the contact stress on other compartments, the bone stress, and collateral
ligament force, under a gait cycle condition, by using models from 9◦ varus to 9◦ valgus, with an
increment of 1◦, which is centered on the neutral position.

2. Materials and Methods

2.1. Intact Knee Joint Model

The present study was conducted while using a fully validated finite element (FE) model of knee
joint [18–21]. The intact knee was made from computed tomography (CT) and magnetic resonance
imaging (MRI) of the left knee joint of a healthy 35-year-old male volunteer. The CT imaging was
conducted with a slice thickness of 0.1 mm, while using a 64-channel CT scanner (Somatom Sensation 64,
Siemens Healthcare, Erlangen, Germany). In addition, MRI imaging was conducted using a 3.0 T MRI
scanner (Achieva 3.0T; Philips Healthcare, North Brabant, The Netherlands) and a custom-designed
knee joint cardiac coil [21]. MRI scans with a slice thickness of 0.4 mm were obtained in the sagittal
plane. A high-resolution environment was used for the spectral pre-saturation inversion recovery
(SPIR) sequence (TE, 25.0 ms; TR, 3590.8 ms; acquisition matrix, 512 pixels× 512 pixels; NEX, 2.0; field-of
view, 140 mm × 140 mm) and a 3-T MRI system (Discovery MR750w®, GE Healthcare, Milwaukee, WI,
USA) [21].

The process of combining the reconstructed CT and MRI models through the positional alignment
of each model was conducted while using the commercial software Rapid form (version 2006; 3D
Systems Korea, Seoul, Korea). Subsequently, the image data were imported into the image-processing
software Mimics 17.0 (Materialise Ltd., Leuven, Belgium) to extract the geometry used for the generation
of the three-dimensional (3D) models of all structures. The initial graphics exchange specification
(IGES) files that were exported from Mimics were entered into Unigraphics NX (version 7.0; Siemens
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PLM Software, Torrance, CA, USA) to form solid models for each femur, tibia, fibula, patella, and
soft-tissue segment (Figure 1). The solid model was imported into Hypermesh (version 8.0; Altair
Engineering, Troy, MI, USA) to generate an FE mesh. Afterwards, the FE mesh was analyzed while
using the ABAQUS software (version 6.11; Simulia, Providence, RI, USA).

Figure 1. Developed three-dimensional finite element (3D FE) knee joint model from medical image.

In the model, the bones were assumed rigid, whereas the tibia was considered transversely
isotropic as it was stiffer than soft tissue and had a minimal influence in the present study [22].
Constitutive laws were assumed for the tibia cortical and cancellous bones [23,24]. The cortical bone
was considered to be transversely isotropic. The third axis was considered as parallel to the anatomical
axis of each bone. The cancellous bone was considered as linear isotropic [23,24]. The articular cartilage
was assumed to be an isotropic, linear elastic material, owing to the time-independent and simple
compressive load applied to the knee joint [25]. The menisci were assumed to be a transversely
isotropic, linearly elastic, homogeneous material [26]. The applied material properties were as shown
in Table 1.

Table 1. Material properties for the 3D FE knee joint model.

Material Material Properties

Cortical bone [23,24]

E1 = E2 = 11.5 GPa
E3 = 17 GPa
ν12 = 0.51,
ν23 = ν13 = 0.31

Cancellous bone [23,24] E = 2.13 GPa
ν = 0.3

Articular cartilage [25] E = 15 MPa
ν = 0.47

Menisci [26]

Ec = 120 MPa (in the circumferential direction)
Ea = Er = 20 MPa MPa (in the axial and radial directions.)
vcr = 0.3 (for axial directions)
var = vac = 0.3 (for circumferential and radial directions)

To represent the meniscal attachments, each meniscal horn was bonded to the bone using linear
spring elements (SPRINGA element type) with a total stiffness of 2000 N/mm [27]. In addition,
the major ligaments were modeled while using nonlinear and tension-only spring elements [28,29].
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The force-displacement relationship, based on the functional bundles in the actual ligament anatomy,
is expressed in the following:

f(ε) =

⎧
⎪⎪⎪⎪⎨
⎪⎪⎪⎪⎩

kε2
4ε1

, 0 ≤ ε ≤ 2ε1

k(ε− ε1), ε > 2ε1

0, ε < 0

ε =
l− l0

l0

l0 =
lr

εr + 1

where f(ε) is the current force, k the stiffness, ε the strain, and ε1 is assumed to be a constant equal to
0.03. The ligament bundle slack of length l0 was calculated while using the reference bundle length lr
and the reference strain εr in the upright reference position.

The interfaces between the cartilage and bones were modeled as being fully bonded. The contacts
between the femoral cartilage and meniscus, meniscus and tibial cartilage, and femoral cartilage and
tibial cartilage were modeled for both the medial and lateral sides, and resulted in six contact pairs [18].
The contacts at all articulations adopted a finite sliding, frictionless hard contact algorithm with no
penetration [18]. Convergence was defined as a relative change of more than 5% between the two
adjacent meshes [20].

2.2. UKR Model

A fixed-bearing UKR (Zimmer, Inc., Warsaw, IN, USA) was virtually implanted in the medial
compartment of the developed normal knee model. The bone models were imported and appropriately
positioned, trimmed, and meshed with rigid elements by using surgical techniques [30].

Based on the dimensions of the femur and tibia, size 6 and 5 devices were chosen for the femoral
and tibial components, respectively. The devices were aligned with the mechanical axis and positioned
at the medial edge of the tibia. The neutrally aligned tibial baseplate was defined as having a square
(0◦) inclination in the coronal plane with a 5◦ posterior slope. The rotating axis was defined as a line
parallel to the lateral edge of the tibial component passing through the center of the femoral component
peg. A neutral femoral component distal cut, which was perpendicular to the mechanical axis of the
femur and parallel to the tibial cut, was reproduced. The 19 different cut surfaces of the medial tibial
plateau were created with different inclinations in the coronal plane (from 9◦ varus to 9◦ valgus, in
increments of 1◦) (Figure 2).

Figure 2. Schematic of varus/valgus conditions for tibial insert.
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With respect to the implanted model, a cement gap of 1 mm was simulated between the bone
and component. The femoral and tibial components, bone cement, and tibia insert (UHMWPE and
CFR-PEEK) were modeled as linear elastic isotropic materials [31–35]. The materials of the femoral
component, tibia insert, tibial component, and bone cement corresponded to a cobalt chromium
alloy (CoCr), UHMWPE, CFR-PEEK, a titanium alloy (Ti6Al4V), and poly(methyl methacrylate)
(PMMA), respectively. Compared to pure PEEK, CFR-PEEK contains a 30% proportion of carbon fiber
reinforcement [35].

In terms of Young’s modulus and Poisson’s ratio, the material properties were shown in
Table 2 [31–35]. The friction coefficients between the articulating surfaces were assumed to be
0.07 for UHMWPE and 0.04 for CFR-PEEK in accordance with the range that was reported in the
literature [33,36,37].

Table 2. Material properties for the implanted model.

Materials Material Properties

CoCr E = 195 GPa
v = 0.3

Ti6Al4V E = 110 GPa
v = 0.3

UHMWPE E = 685 MPa
v = 0.47

CFR-PEEK E = 18000 MPa
v = 0.4

PMMA E = 1940 MPa and v = 0.4

2.3. Loading and Boundary Conditions

The FE investigation included two types of loading conditions, which corresponded to the loads
that were used in the experimental part of the study, for the validation of the UKR model and its
predictions under gait cycle loading conditions.

A validation of the intact model was conducted in a previous study, and the UKR model
was validated through a comparison with models in previous experimental studies [18–21,38].
The validation of the UKR model was conducted for the flexion angles of 0◦, 30◦, 60◦, and 90◦,
by using a passive flexion simulation. Additionally, anterior and posterior drawer loads of 134 N
were separately applied to the tibia at the knee center, in a manner that is similar to that adopted in a
previous experimental study [38].

Gait cycle loading was applied as a second loading to compare the biomechanical effects of
the three different tibial insert materials [39]. A computational analysis was conducted while using
the force controls of the anterior-posterior force with respect to the compressive load applied to the
hip [40,41]. A proportional-integral derivative controller was incorporated into the computational
model to make allowance for the control of the quadriceps, in a manner that is similar to that in an
existing experiment [42]. Internal-external and varus/valgus torques were applied to the tibia [40,41].
We analyzed the contact stress on the lateral meniscus and tibial cartilage in the other compartments, as
well as the tibial bone stress, which influences residual pain. Additionally, we analyzed the collateral
ligament force. We defined five regions of interest (ROIs) on the proximal tibia (Figure 3). ROIs 1 and 4
were defined at the resection corner between the sagittal and transverse tibia bone cuts. The other
three ROIs were located on the cancellous bone surface, beneath the tibial baseplate, with ROIs 2 and 4
being lateral and medial to the keel slot, respectively. ROI 5 was defined to investigate the source of
residual pain. For all models, ROI 5 was located on the proximal anteromedial cortical bone surface.
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Figure 3. Five locations for the interests of this study.

Interventionary studies involving humans or animals, and other studies requiring ethical approval,
must list the authority that provided approval and the corresponding ethical approval code.

3. Results

3.1. FE Model Validation

In a previous study, an intact model was validated and explained while using an in vivo laxity
test for a subject identical to the FE model. We compared it with the results of the experiment on
our own subject to validate the intact FE model. The anterior tibial translation was calculated at 2.83
mm in the experiment, and at 2.54 mm in the FE model under the 30◦ flexion loading condition; the
posterior tibial translation was calculated at 2.12 mm in the experiment and 2.18 mm in the FE model
for validation. Good agreement was observed between the experimental results and the FE model [19].
The UKR model validation was conducted while using the anterior and posterior tibial translations
in the anterior and posterior drawer tests at 134 N for 6.1, 9.9, 8.7, and 8.5 mm, and 5.8, 4.3, 3.8, and
4.9 mm at 0◦, 30◦, 60◦, and 90◦ knee flexion, respectively (Figure 4). These show good agreement
with previous experimental data within the value ranges under the anterior and posterior drawer
loadings [38].

Figure 4. Comparison with previous experimental study for validation of unicompartmental knee
replacement (UKR) model: (a) anterior tibial translation; and, (b) posterior tibial translation.

3.2. Comparison of Contact Stress on Other Compartments in UHMWPE and CFR-PEEK Tibial Component in
Varus/Valgus Alignment

Figure 5 shows the contact stress on the other compartments (articular cartilage and lateral
meniscus) in the UHMWPE and CFR-PEEK tibial insert with the varus/valgus tibial component.
The contact stress on the articular cartilage and lateral meniscus increased in varus and decreased in
valgus, in comparison to the neutral position in the UHMWPE insert. However, the contact stress on
the articular cartilage and lateral meniscus decreased in varus and increased in valgus, in comparison
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to the neutral position of the CFR-PEEK insert. There was different contact stress during the stance
phase in the UHMWPE and CFR-PEEK insert models. For the UHMWPE model, it increased by 11%
and 8% for varus 9◦, and decreased by 11% and 9% for valgus 9◦ in the lateral meniscus and articular
cartilage, respectively, in comparison to the neutral position. For the CFR-PEEK model, it increased by
21% and 18% for valgus 9◦, and decreased by 19% and 16% for varus 9◦ in the lateral meniscus and
articular cartilage, respectively, in comparison to the neutral position.

 

Figure 5. Comparison of contact stress on other compartments in varus/valgus condition with respect to
different tibial insert materials during gait cycle: (a) lateral meniscus in the ultra-high molecular weight
polyethylene (UHMWPE); (b) lateral meniscus in the carbon-fiber reinforced polyetheretherketone
(CFR-PEEK); (c) articular cartilage in the UHMWPE; and, (d) articular cartilage in the CFR-PEEK.

3.3. Comparison of Von-Mises Stress in Tibial Bone and Collateral Ligament Force in UHMWPE and
CFR-PEEK Tibial Component in Varus/Valgus Alignment

Figure 6 indicates the von-Mises stress on the tibia bone in the UHMWPE and CFR-PEEK tibial
inserts with the varus/valgus tibial component. The greatest stress was exerted on ROI 1 and 2
(cancellous bone), in both the UHMWPE and CFR-PEEK. This trend did not change with varus and
valgus in the tibial component. In addition, the bone stress in ROI 1–4, in the CFR-PEEK, was higher
than in the UHMWPE. The von-Mises stress on the UHMWPE in the tibial bone showed a similar value
from the neutral position to the varus 3◦ model. The CFR-PEEK model showed a similar value from
the neutral position to varus 6◦; however, it rapidly decreased afterwards, under the valgus condition.
The stress in ROI 5 (cortical bone) with UHMWPE was greater than with CFR-PEEK. In addition, a
similar trend was observed in ROI 1–4, for both UHMWPE and CFR-PEEK, under the varus and valgus
conditions. Figure 7 indicates the force on the collateral ligament in the UHMWPE and CFR PEEK
tibial insert with a varus/valgus tibial component. The force on the medial collateral ligament with the
UHMWPE and CFR-PEEK increased under the valgus condition, in comparison to the neutral position.
The force in the UHMWPE model with valgus 9◦ increased by 19% in the medial- collateral ligament,
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as compared to the neutral position. Moreover, the force on the medial-collateral ligament increased
more in the CFR-PEEK model under the valgus condition. The force in the UHMWPE model with
valgus 9◦ increased by 27% in the medial collateral ligament, in comparison to the neutral position.
A complex pattern was observed in the lateral collateral ligament for the UHMWPE and CFR-PEEK.
Under the valgus conditions, the force on the lateral collateral ligament increased during the swing
and stance phases, respectively.

 

 

Figure 6. Comparison of von-Mises stress in ROI 1–5 in varus/valgus condition with respect to different
tibial insert materials during gait cycle: (a) ROI 1; (b) ROI 2; (c) ROI 3; (d) ROI 4; and, (e) ROI 5.
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Figure 7. Comparison of ligament force in varus/valgus condition with respect to different tibial insert
materials during gait cycle: (a) medial-collateral ligament in the UHMWPE; (b) medial-collateral
ligament in the CFR-PEEK; (c) lateral-collateral ligament in the UHMWPE; and, (d) lateral-collateral
ligament in the CFR-PEEK.

4. Discussion

The positive biomechanical effect that was observed in the UHMWPE tibial insert at the neutral
position and with slight varus malalignment was the most important finding of the current study.
Additionally, for the CFR-PEEK tibial insert, there was no problem with a varus malalignment greater
than that of the UHMWPE tibial insert; however, the valgus malalignment should be avoided.

The precise restoration of the mechanical axis and correct implant positioning are major contributors
to the improvement of implant longevity and the clinical outcomes of UKR. There is still no general
agreement in terms of the optimal position of the tibial component [43].

This study aimed to evaluate the optimal tibial alignment for UKR with UHMWPE and CFR-PEEK
tibial inserts, and the potential aberrant performances due to the malalignment of the tibial components.
An FE model was used to analyze and compare different combinations of several biomechanical
outputs. In addition, the FE model was impractical in the experimental evaluation of progressive OA
in the other compartments and tibia bone stress problems, with respect to different insert materials
under the varus/valgus conditions. Furthermore, the advantage of computational simulations that use
a single subject is that the effects of tibial component alignment and the differences in insert materials,
within the same subject, can be determined, except for variables, such as weight, height, bone geometry,
differences in ethnicity and sex, ligament properties, and component size [44]. The intact knee model
underwent a series of validation steps. The results showed good agreement with previous experimental
data, in terms of kinematics and contact area, as demonstrated by the FE analysis for the same subject.
In addition, an intact and a UKR model were both validated by using experimental and kinematics
data. Therefore, the UKR model developed in the current study, along with the following analysis, can
be considered to be reasonable.
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As mentioned above, the UHMWPE insert led to result variation in the coronal positioning of
the tibial tray. Sawatari et al. [45] analyzed the orientation influence of the unicompartmental tibial
component on cancellous bone stresses in the coronal and sagittal planes, and correlated these findings
to clinical data. They suggested that a slight valgus inclination of a UKR tibial component is better
than a varus or square inclination in the coronal plane. In addition, Isekawa et al. [46] analyzed the
inclination influence of the UKR tibial component on stress, in the proximal tibia, and the influence of
contact pressure on the metal–bone interface, in the identical femorotibial alignment. They suggested
that a slight valgus inclination of the tibial component might be better than varus or even a 0◦ (square)
inclination, as the stress distribution is related. Therefore, a slight valgus inclination is preferable for
both. Simpson et al. [47] found that the inclination angles had a minimal effect on the bone strain
in the Oxford UKR, with the exclusion of the 2◦ varus inclination. However, there is a limitation in
the three models that are mentioned above, as they only model tibia and not femur or other bony
structure and soft tissues such as cartilage and ligament. Recently, Zhu et al. [48] developed a UKR
model with entirely bony structure and soft tissue. They investigated the coronal inclination angles
of the tibial tray ranging from 10◦ varus to 10◦ valgus. They suggested a range from 4◦ varus to 4◦
valgus for the inclination of the tibial component in the mobile-bearing UKR. In addition, Innocenti
et al. [49] evaluated the biomechanical effects of different varus/valgus alignment tibial component
positions in UKR. They proposed that a neutral mechanical or 3 varus alignment exhibits similar
biomechanical outputs in the bone, collateral ligament strain, and polyethylene insert. A 6◦ varus
alignment or changes in the valgus alignment were always associated with more detrimental effects.
The two studies mentioned above also showed limitations, as they only evaluated the biomechanical
effect under static conditions. However, UKR is a surgical treatment for younger patients; therefore, it
requires analysis under dynamic loading conditions, such as gait cycles.

We studied the contact stress on other compartments, the stress on the tibial bone and the force
on the collateral ligament under a gait cycle. Our results showed that alignment influences the
development of OA in other compartments. Previous studies that have attempted to evaluate the
influence of alignment were limited due to their short follow-up and absence of accurate knee alignment
measurements [10,11,50]. In addition, a previous clinical study only used a radiography parameter
(joint space narrowing) for the development of OA in the opposite compartment. This narrowing
of joint space shows the articular cartilage loss in the joint and it is considered to be a more reliable
marker of OA than the osteophytes or subchondral sclerosis. However, the radiography parameter
might cause results to vary, owing to scanning inaccuracies and human error. We evaluated contact
stress to investigate the progressive OA in other compartments because the contact parameters are
known to be closely related to the degenerative OA of the knee joint [18,51]. An intriguing finding
was that the effect of tibial malalignment was different for the different tibial insert materials. In
UHMWPE, the contact stress on other compartments decreased in valgus and slightly increased under
varus conditions [52]. This trend proved to be in fine agreement with a previous study. The contact
force on the other compartment decreased under the valgus condition using UHMWPE and in the
cadaveric experiment [52]. However, the CFR-PEEK model it increased in valgus and decreased
in varus. Additionally, the difference between contact stresses on other compartments, in both the
UHMWPE and CFR-PEEK model, was found during the stance phase. This proved that the contact
stress was mainly influenced by the axial force.

The cortical bone always exerted the majority of the load transferred by the tibial baseplate, as
its elastic modulus is much larger than that of the cancellous bone. An abnormally high stress of the
proximal medial cortical bone was used to understand the cause of persistent pain after UKR [47].
Additionally, the aseptic loosening of prosthetic components, and especially that of the tibial component,
is one of the major failure modes in UKR [53]. Excessive stress in both the cortical and cancellous bone
cause it, and it leads to stress shielding. The major reason of the latter is the significant difference in the
Young’s modulus between the bone and tibial baseplate material. In contrast to TKR, the interface

34



Materials 2019, 12, 3345

between the tibial baseplate and the tibia is significantly smaller. This leads to bone stresses being
more sensitive to malalignment and malpositioning of component.

This UHMWPE model showed higher stress in the cortical bone region and lower stress in the
cancellous bone region, in comparison to the CFR-PEEK model. The tibial insert material was only
changed to CFR-PEEK; however, the stress-shielding effect was reduced because the material properties
of CFR-PEEK were similar to the bone’s material properties. The increase of bone stresses in the
cortical bone and the decrease of bone stresses in the cancellous bone around the tibial baseplate may
cause pain, which is induced by a loosening of the tibial baseplate [54–57]. Stress in the cortical bone
increased, while, in the cancellous bone, it decreased under the valgus condition for both UHMWPE
and CFR-PEEK, in comparison to the neutral position. In other words, the valgus malalignment should
be avoided in both UHMWPE and CFR-PEEK.

After medial UKR was implanted, the valgus deformity was induced, even though the neutral
knee model had a normal alignment (valgus rotation 0◦) [49,58]. This phenomenon can be explained
by the different stiffness between the medial and lateral compartments of the UKR knee. On the lateral
side, the cartilage of both the femur and tibia had an elastic modulus of 15 MPa. In contrast to the
medial side elastic moduli of the tibial insert materials UHMWPE and CFR-PEEK, the elastic modulus
was much higher than that of the cartilage. Consequently, the Young’s Modulus of the medial and
lateral compartments differed by more than one order of magnitude; therefore, the deformation of
materials in each compartment depended on their elastic modulus [54]. In a previous study, the valgus
deformity that was induced by the strain loading, in the medial-collateral ligament, increased, while
the strain in the lateral collateral ligament decreased [54]. Hence, whilst a surgeon balances a knee
during UKR in an unloaded state, the knee will no longer be balanced once it is loaded [54].

Our study confirmed this result. The force on the medial-collateral ligament also increased
for the UHMWPE and CFR-PEEK models under the valgus condition. This trend was particularly
observed in CFR-PEEK. The reason was that CFR-PEEK has a higher elastic modulus than UHMWPE,
as mentioned previously. Therefore, the difference in material properties became greater here than in
other areas. Our results showed that progressive OA could occur in other compartments under the
valgus condition. Additionally, valgus should be avoided because the MCL force rapidly increases in
the CFR-PEEK model.

There are several strengths to this study. First, the FE model included the femur, tibia, and related
soft tissues in the present study [31,45–47]. Second, gait cycle loading, and complex vertical static
loading condition was applied in this study [31,45–49,54]. Third, this study validated not just the
initial FE model, but also achieved kinematic validation of the UKR FE models with experimental
data [31,45–49,54].

Nevertheless, there are three limitations. First, the FE model represented a fixed bearing UKR,
and it cannot apply other implant designs, such as the mobile bearing UKR. Second, a single coefficient
of friction value was used, when there is in fact a variety in the coefficients of friction for different
materials. The effect of different values will be investigated in future studies.

Third, patient satisfaction and clinical results could not be assessed by the results from FE
analysis. However, contact stress on the other compartments, force exerted on ligaments, and bone
stresses are important factors that should be investigated for the evaluation of biomechanical effects in
computational biomechanics [18–21,31,45–49].

5. Conclusions

The biomechanical justifications for the tibial insert materials UHMWPE and CFR PEEK were
evaluated to confirm the suitability of various tibial component alignment positions while using
an FE model. We performed a simulation for other compartments to investigate progressive OA.
Contact stress on other compartments increased in varus and decreased in valgus for UHMWPE. In
CFR-PEEK, an opposite trend was observed, by which the stress-shielding effect was less than that of
UHMWPE, because its elastic modulus was closer to that of bone. However, in the CFR-PEEK model, a
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significant negative biomechanical effect was observed, owing to the valgus condition, in comparison to
UHMWPE. In this model, the stress on the cortical and cancellous bone increased and decreased rapidly
under the valgus and varus condition, respectively, in comparison to the neutral position. This trend
was also observed in UHMWPE; however, the negative biomechanical effects were more pronounced
in CFR PEEK; here, the varus allowance was wider than in UHMWPE, as there was less difference
in the biomechanical effects from the neutral position to varus 6◦. Such a trend could be found in
the medial collateral ligament. The force on the medial collateral ligament became greater under the
valgus condition of the CFR-PEEK model, in comparison to the UHMWPE model. The UHMPWE
model, with a neutral position or minor varus (3◦) alignment, exhibits similar biomechanical outputs
in terms of the contact stress on other compartments, the stress on the bone, and the collateral ligament
force. Therefore, the neutral position and minor varus conditions are recommended in the UHMWPE
model. In addition, a greater varus condition of up to 6◦ is recommended in the CFR-PEEK model,
as it showed similar biomechanical output. However, the valgus condition should be avoided in the
CFR-PEEK model.
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Abstract: (1) Background: The main disadvantage of rigid fracture fixation is remain material after
healing period. Implementation of resorbable plates prevents issues resulting from left plates. The aim
of this study is to compare the usage of bioresorbable and titanium “A” shape condyle plate in condylar
fractures. (2) Methods: Thickness of 1.0 mm, height of 31 mm, and width of 19 mm polylactic acid
(PLLA) and titanium “A” shape plate with 2.0 mm-wide connecting bar and 9 holes were tested with
finite element analysis in high right condylar neck fracture. (3) Results: On bone surface the highest
stress is on the anterior bridge around first hole (approx. 100 MPa). The highest stress on screws is
located in the first screw around plate in the anterior bridge and is greater in titanium (150 MPa) than
PLLA (114 MPa). (4) Conclusion: Pressure on bone in PLLA osteosynthesis is two times higher than in
titanium fixation. On small areas where pressure on bone is too high it causes local bone degradation
around the fracture and may delay the healing process or make it impossible. Fixation by PLLA is such
flexible that bone edges slide and twist what may lead to degradation of callus.

Keywords: mandible condylar fractures; surgical treatment; titanium; PLLA; finite element analysis

1. Introduction

Open reduction internal fixation is the method of choice in mandibular condyle fractures [1–3].
Although it demands the surgical skills because of the risk of facial palsy. Titanium alloys are still gold
standard in terms of osteosynthesis fixation systems, however, bioresorbable plates and screws are also
used in condyle fractures. The main disadvantage of metal plates is when the necessity of removal of
osteosynthesis material appears (especially extraoral scars or facial nerve palsy) [4]. Loosening of metal
plates or screws which might not be visible on radiographs also demand removal [5–7]. According to
the literature there are a few reasons where removing of metal plates should be performed: metallosis,
corrosion, thermal dysaesthesia, difficulties with future radiological diagnosis, malpositioning, and the
migration of osteosynthesis material, particularly in craniofacial surgery [8,9].

Insertion of resorbable screws demand tapping because of the mechanical properties of the
material. In long screws there is high risk of fracture of the neck of the screw. Cutting of the threads
take much time and any other additional manipulation is linked with the possibility of displacement
of condylar fragments. In the “bone welding” method, screws are not inserted such as self-tapping
screws but resorbable pins are placed by ultrasound activation [10–13]. The pin is put into the drilled
hole and link with osseointegrate with spongy bone.

There are various ways how to perform rigid internal fracture fixation in the condylar area (base,
middle, high neck, and head) and it significantly changed in the last decade. To our knowledge, there are
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no published reports concerning what fixation system and which material provide functionally stable
fixation in fractures of the condylar neck of the mandible.

The aim of the study is to compare by means of finite element analysis (FEA) one of the
bioresorbable type of “A” shape condyle plate and screws made of polylactic acid (PLLA) versus
titanium grade 5 alloy (Ti6Al4V).

2. Materials and Methods

2.1. The Plate

Recently developed resorbable plate (ChM company, Lewickie, Poland, www.chm.eu) has been
tested. Manufacturer applied their own new PLLA polymer. Figure 1 shows the design of A-shape
condylar plate (ACP) made of resorbable material. The height and the width of the PLLA plate are
31 mm and 19 mm, respectively, whereas the thickness is 1.0 mm. The first bridge of ACP is parallel
to posterior border of the mandibular ramus (compression area) and the second is parallel to the
sigmoid notch (traction area). The width of the bridge is 2.5 mm. Bridges of ACP are strictly designed
according to known compression and traction lines in the mandibular ramus (Figure 2) [14]. There are
three linearly located holes on inferior tails of the bridges. Superiorly, the bridges converge and has
triangular 3 hole group. Two tails are connected by means of 2.0 mm wide bar. The connecting bar has
been designed according to compression line of condylar neck [15].

Figure 1. Right side shows the photo of resorbable polylactic acid (PLLA) A-shape right plate and
screw whereas on the left side sketch with the dimensions. The height and the width of “A” shape
plate are 31 mm and 19 mm respectively whereas the thickness is 1.0 mm. The width of the bridge is
2.5 mm. There are three linearly located holes on inferior tails of the bridges. Superiorly, the bridges
converge and has triangular 3-hole group. Two tails are connected by means of 2.0 mm wide bar.

2.2. Material Properties

Mechanical properties have been implemented to calculations are following: Young modulus for
Ti-6Al-4V Grade 5 is 140 GPa, Poisson coefficient was 0.3, Yield stress Re = 880 MPa, ultimate tensile
stress Rm = 960 MPa, plasticity modulus Ep = 1.4 GPa. For polymer material PLLA: Young modulus
3.5 GPa, Poisson coefficient was 0.35 [16], durability of stretch from 195 MPA to 240 MPa. For mandible
material following data were adopted: Young modulus 14 GPa, Poisson coefficient 0.28. Bone is the
material that is not described by Hooke’s law and it does not have neither linearly elastic characteristic
nor plasticity modulus.

Static tensile (Instron 5989 with extensometer, Zwick/Roell, Ulm, Germany) test according to ISO
6892-1 [16] was performed in order to verify the properties of Ti-6Al-4V grade 5. The test results are shown
in the graph above (Figure 2). Properties of bone and PLLA have been set on the basis of the literature [17].
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Figure 2. Stress strain curve for the Ti-6Al-4V Grade 5 titanium alloy.

2.3. Finite Element Analysis

Finite element models are helpful for simulating endurance of 3D complex models [18–20].
In the study FEM (Finite Element Method) was used for the comparison between bone end

movements just after the open rigid internal fixation by titanium and PLLA plates.
During stretching bone is nonlinearly elastic and after achieving endurance on stretching or

squeezing it breaks. In real life bone is not isotropic material but orthotropic, with precise mechanical
properties that are different in each layer and maximal load forces in bone depends on direction of
loading. Mathematical methods especially for orthotropy are linearly-elastic till the moment of bone
destruction. There are several restrictions that in significant way influence on FEM results. Drawing
conclusions are made on the basis of the FEM researcher and modelling of biomechanical structure
and degree of its simplicity was the basis for the researchers’ team. Discussion about FEM results
presented as comparison between titanium osteosynthesis and PLLA for the same one.

Authors of this study know advantages and disadvantages of finite element method and
restrictions of this method. The software for preparing FEM and simulation was Ansys version
18.2 (Ansys Inc., Canonsburg, PA, USA, www.ansys.com). The proper name of used element is
SOLID187 individual name for ANSYS. Users of other software might not know this name whereas
tetrahedron tet10 is used for other systems. Mathematical model FEM was solved with material and
construction unlinearity using significant displacements. Total size of the quest was DOF (degree of
freedom) = 4350480.

2.4. Models

In the Figure 3 mandible 3D model was shown with fixation bone ends in high fracture of condylar
neck. Osteosynthesis was designed according to physiology and loaded by forces (purple colour shows
forces from muscles) direction and value described by Ramos [21].

In real fractures ragged contours are observed, whereas mathematical model of friction refers to
flat surfaces that irregularities are not designed and surface is described as coefficient of friction. In the
study to simulate surface degradation by fracture not physical, a (extremely high) coefficient of friction
of μ = 0.8 was adopted. The highest coefficient of friction that is gained in machine construction is
μ = 0.65, found in brake blocks in aircraft.

The plates were fixed with mandible on basis of continuous displacement. There is initial state of
strain between screws and bone because of screw fixation. Contact situation can decrease the stiffness
of the connection screw–bone in order to save some time on calculations authors have decided to
eliminate the threads on the screw and perform continuous displacements between simplified model
of the screw and bone.
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Figure 3. 3D model with plate fixation of high neck condylar fracture (red indicators). Fixation has its
physiological support points and it was loaded by muscles forces (purple indicators). In the Figure 3
purple indicators have been described in the literature [20].

3. Results

Authors compared the state of bone ends in contact, pressure in contact, displacement in contact,
dimension of fissure in contact and comparison maximal equivalent stress distribution in mandible
and in osseofixation system.

In the Figure 4a in titanium fixation half of contact area is marked in yellow color. It means that in
such a fixation contact is open. Open contact is the reason of so called mechanical silence which might
block healing of fracture. However, it is possible that in such conditions collagen mesh may appear
and vessels from the region may grow. As a result callus becomes calcified.

  
(a) (b) 

Figure 4. Contact status just after following plate fixation in the maximal loading according to the
literature [16]: (a) Ti-6Al-4V plate fixation—insignificant displacement at the expense of high contact surface
of bone ends during loading thanks to which appearance of minimal twisting of bone ends appeared,
(b) PLLA plate fixation—significant displacement of bone ends thanks to which high twist appeared.
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Orange color shows bone in contact but it is slip so there is possibility of displacement. Cutting
forces cause displacement of bone ends and also destroy the gentle collagen mesh preventing
calcification, that would never calcified. As a result bone does not heal properly.

Red color describes condition where both parts of bones do not displace to each other. As Figure 5b
proves in PLLA fixation is much worse environment that obstruct the healing process in comparison
to titanium alloy plate.

  
(a) (b) 

Figure 5. Displacements of pressure in mandibular bone ends just after plate fixation in the maximal
loading according to the literature [16]: (a) Ti-6Al-4V plate fixation, pmax = 9.8 MPa, (b) PLLA plate
fixation, pmax = 18.3 MPa.

As Figure 5a shows surface pressure in contact pmax = 9.8 MPa are almost twice lower than in
PLLA pmax = 18.3 MPa but the area of contact is significantly higher in plate made in Ti-6Al-4V than in
PLLA, shown on Figure 5b. Greater area of surface pressure makes healing process faster and as a
result it proves osseofixation stiffness.

In Figure 6 displacements of bone ends in fracture plane are shown. Blue area shows the fissure
and relative displacements in plane is indeterminable. Displacement on contact surface in Ti-6Al-4V
plate is umax = 0.01 mm and is 10 times lower than PLLA plate umax = 0.1 mm.

  
(a) (b) 

Figure 6. Displacements of bone ends just after plate fixation in the maximal loading according to the
literature [16]: (a) Ti-6Al-4V plate fixation, umax = 0.01 mm, (b) PLLA plate fixation, umax = 0.1 mm.

In Figure 7 size of fissures in plate fixation were compared. Red color means that surface is in
contact. Colors from orange to blue means fissure is getting wider. In Ti-6Al-4V plate the widest fissure
is gmax = 0.0057 mm whereas in PLLA plate fixation it is gmax = 0.024 mm.
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(a) (b) 

Figure 7. The size of the fissure between bone ends just after plate fixation in the maximal loading
according to the literature [16]: (a) Ti-6Al-4V plate fixation, gmax = 0.0057 mm, (b) PLLA plate fixation,
gmax = 0.024 mm.

Color from blue to red means increasing stresses from 0 to maximum marked on red. In the
Figure 8, reduced stresses distribution according to von Mises on PLLA plate with fixing screws made
in Ti-6Al-4V and PLLA were the following: σred max = 234 MPa and σred max = 76 MPa respectively.
Reduced stresses are 4 times lower in PLLA screws than in Ti-6Al-4V grade 5 plate. The fact of
paramount importance is that Young modulus for Ti-6Al-4V grade 5 is forty times higher than PLLA.
Plate made in more flexible material (PLLA) is prone to higher deformation than Ti-6Al-4V. Titanium
alloy grade 5 allow for higher loading forces and make the osseofixation much rigid. Thus titanium
alloy material make the healing process easier because of the immobilization of the bone ends. In any
of discussed situation, yield stress was not exceeded.

  
(a) (b) 

Figure 8. Equivalent stress distribution on plates according to von Mises hypothesis following plate fixation
in the maximal loading according to the literature [16]: (a) Ti-6Al-4V plate fixation, σred max = 234 MPa,
(b) PLLA plate fixation, σred max = 76 MPa; Colors from blue to red means stresses from 0 to maximum.

In the Figure 9, reduced stresses distribution according to von Mises on Ti-6Al-4V and PLLA
plate were σred max = 87 MPa and PLLA—σred max = 91 MPa, respectively. In both cases stresses are
comparable. In order to precise the difference of stresses on bone after fixation, strain has been reduced
to 30 MPa.

Grey color on Figure 10 shows strain above the scale. Comparing 10(a) and 10(b) figures Ti-6Al-4V
plate and screws indicates the center of strains is around last screws in lower part of mandible. In PLLA
plate the highest stress is around the hole that is located near the fracture. This location is at risk
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during surgical fixation because of secondary fractures during plate fixation that restricts possibility of
PLLA usage.

  
(a) (b) 

Figure 9. Equivalent stress distribution in mandibular condyle according to von Mises hypothesis just
after plate fixation in the maximal loading according to the literature [16]: (a) Ti-6Al-4V plate fixation,
σred max = 87MPa, (b) PLLa plate fixation, σred max = 91MPa; Colors from blue to red means increasing
stresses from 0 to maximum.

  
(a) (b) 

Figure 10. Reduced stress distribution in mandibular condyle according to von Mises hypothesis just
after plate fixation in the maximal loading according to the literature [16]: (a) Ti-6Al-4V plate fixation,
(b) PLLA plate fixation; Stresses have been reduced to σred max = 30 MPa.

4. Discussion

Bioresorbability is the most desire feature and titanium alloy does not have it. After fixation bone
ends osseointegrate in the proper way when the material is useless. Bioresorbable fixation decomposes
and the patient’s state will be the same as before the surgical procedure “restitution ad integrum”.
Titanium alloys that are commonly used in osteosynthesis are deprived of such a feature. Implantation
of titanium fixation stays with a patient till the end of the life unless it was screwed out by the surgeon.
In some cases especially when a patient grows implantation of plate and screws demand removal
immediately after bone healing. It required second surgery made in postsurgical scar and facial nerve
branch re-preparation (Figure 1). That may lead to permanent facial nerve palsy, thus bioresorbable
materials have found its application in maxillofacial surgery.

Surgeons often during the operation in the most cases tighten in the screws without dynamometer
key. It might be assumed that every single screw might be screwed with different torque and as a result
stress on every screw is different. This matter has been omitted in order to simplify the procedure as
well. Authors have focused on modelling of the contact of the bone ends just after the fracture and
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comparison of fixation materials taking into consideration only contact between bone ends. On the
basis of computed tomography 3D model of edentulous mandible has been designed. Loading on the
model is described as loading area transformed to the notches. Supports in temporomandibular joint
have been defined as superior notch and linked on the real contact surface by Rigid Body Element
(RBE). Such modelling ensures free rotation around joint. On the surface where earlier geometrically
teeth have been extracted, degree of freedom are linked with the process of biting (in the direction
perpendicular to the surface where teeth have been extracted).

Just after fixation, a patient who fulfils diet precautions and low forces on chewing is able to
function almost normally. However, if a surgeon wants to achieve total biodegradability of fixation,
then PLLA is the material of choice. The most important factor regarding durability is to perform
stresses less than yield stress in order to prevent from irreversible deformation of screws and plates.
That is why maxillofacial surgeon asks patients not to overload jaws regarding biting tough food
especially after the surgery. Process of making new bone takes about 2 weeks and after this time
new bone starts to load forces [22]. By using PLLA materials time of compulsory low forces chewing
lengthens from a few days to a few months.

Plates made in PLLA or PLGA are biodegradable in comparison to Ti-6Al-4V. In terms of pressure
in fracture, displacement, strain condition Ti-6Al-4V is superior to polymer/composite materials
apart from biodegradability. PLLA osteosynthesis indicates that in comparison to titanium alloy
fixation contact surface plate with slightly sliding between bones and plates is only 30%. Moreover,
displacement between bones has occurred. In the Figure 3 it is easy to notice that in titanium fixation,
so called mechanical silence occurs on half of the area after fracture whereas in case of PLLA plate only
20% of the area is in mechanical silence thus bone healing is not possible. Comparing PLLA to titanium
alloy small area of concentration of the forces were observed. That is why pressure on bone in PLLA
osteosynthesis is twice higher than in titanium fixation. On small areas where pressure on bone is too
high it may cause local bone degradation around the fracture (i.e., bone atrophy by compression) and it
might be the reason of delay in the healing process or make it impossible. The same conclusion might
be assumed by observing cutting forces in the fracture shown in the Figure 4. The higher forces the
higher displacement in fracture plane. In significant displacement of bone fragments in fracture fissure,
collagen fibres tear and inhibit the healing process (Figure 5). Using PLLA plate has another negative
feature if it comes to displacement in fracture plane. Osteosynthesis by means of PLLA is such flexible
that strong biting might cause opening of fracture fissure resulting in sliding and twisting that lead to
degradation of callus. Using PLLA plates require additional immobilization such as intermaxillary
traction or liquid diet. Fixation cannot be overloaded otherwise bone healing process was inhibited.
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Abstract: Orthopaedic implants offer valuable solutions to many pathologies of bones and joints.
The research in this field is driven by the aim of realizing durable and biocompatible devices;
therefore, great effort is spent on material analysis and characterization. As a demonstration of the
importance assumed by tribology in material devices, wear and friction are two of the main topics
of investigation for joint prostheses. Research is led and supported by public institutions, whether
universities or research centers, based on the laboratories’ outputs. Performance criteria assessing an
author’s impact on research contribute somewhat to author inflation per publication. The need to
measure the research activity of an institution is an essential goal and this leads to the development
of indicators capable of giving a rating to the publication that disseminates them. The main purpose
of this work was to observe the variation of the Hirsch Index (h-index) when the position of the
authors is considered. To this end, we conducted an analysis evaluating the h-index by excluding the
intermediate positions. We found that the higher the h value, the larger the divergence between this
value and the corrected one. The correction relies on excluding publications for which the author
does not have a relevant position. We propose considering the authorship order in a publication in
order to obtain more information on the impact that authors have on their research field. We suggest
giving the users of researcher registers (e.g., Scopus, Google Scholar) the possibility to exclude from
the h-index evaluation the objects of research where the scientist has a marginal position.

Keywords: h-index; bibliometric indicators; biomaterials; quality of research; citations

1. Introduction

Joint replacement surgery is a successful and consolidated branch of orthopaedics. Its progressive
achievement in alleviating pain and disability, helping patients to return to an active life, is reliant on
efficient relationships between clinicians and researchers working across transverse areas of medicine
and science [1]. The purpose of tribology research applied to orthopaedics is the minimization and
elimination of losses resulting from friction and wear [2]. The research of new biomaterials plays
an important role, and as a consequence, in vitro tests for such materials are of great importance [3].
The knowledge of the laboratory wear rate is an important aspect in the preclinical validation of
prostheses. Research and development of wear-resistant materials continues to be a high priority [4–6].
Clinical research designed to carefully evaluate the performance of new materials intended to reduce
wear is essential to ascertaining their efficacy and preventing the possibility of unexpected failure [7,8].
Unfortunately, failures and revision surgeries still constitute the main clinical problems related to total
joint replacement [9]. The research is therefore constantly pushed to find new solutions to wear-related
issues and to identify new high-standard materials. The public institutions of research receive national
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funding on the bases of their results and are therefore constrained to obtain high levels of quality
assessment [10]. Evaluation of scientific publications is the criterion used by the universities and
research institutes to measure the merit and value of researchers and academics [11], and it has a
crucial impact on research funds distribution [12–14]. The need to measure the research quality of
institutions is an essential goal, which has led to the development of indicators capable of giving a
rating to publications. These indicators are used in bibliometric disciplines to quantitatively evaluate
the quality and diffusion of scientific production within the scientific community. In order to obtain
funds within the orthopaedic community, there is a strong pressure on researchers to publish even if
the merit of the study is unreliable; this is because objectives are set to achieve a certain number of
publications instead of focusing on the quality of the research [15].

There are two main ways to evaluate scientific research:

• Bibliometric indicators are quantitative methods based on the number of times a publication is
cited. The higher the number of citations, the larger the group of researchers who have used this
work as a reference and, thus, the stronger its impact on the scientific community;

• Peer review is a qualitative method based on the judgement of experts. A small number of
researchers, specialized in the field of the work, analyze and evaluate the scientific value of
a publication.

Eugene Garfield proposed the Impact Factor (IF) in 1955 [16,17] with the intent to help scientists
look for bibliographic references; the IF indicator was quickly adopted to assess the influence of
journals and, not long after, of individual scientists. A journal’s impact factor is the ratio of two
elements: the numerator is the number of citations in the current year to items published in the
previous two years, and the denominator is the total number of articles published in the same two
years [16,17]. It is published by the ISI-Thomson publisher on the basis of the Web of Science database
and measures the frequency with which an article published in a journal is cited by other periodicals
over a specific period of time (two years after its release). This measure is used as an appraisal of
the importance of a magazine compared with others in the same sector: the higher the impact factor,
the more authoritative the magazine [18]. The impact factors of each magazine can be consulted on
the website of the Journal of Citation Reports (JCR) [19].

The impact factor is widely used as an index of academic research quality. It is also applied as a
winning criterion for the granting of funds and incentives, or as a basis for the evaluation of a scholar
or a professional in public competitions [11]. Yet the impact factor is an indicator for measuring the
impact of a magazine in its specific disciplinary area, certainly not for evaluating the authors, and this
latter use has been criticized for many reasons. In order to overcome the problems of the impact
factor, in 2005, Jorge E. Hirsch [20] proposed a new index, known as the h-index or Hirsch index,
as a single-number criterion to evaluate the scientific output of a researcher. It combines a measure
of quantity (publications) and impact (citations). In other words, a scientist has index h if h-many
of his articles have at least h-many citations each, and the other articles have fewer than h-many
citations each [21]. It performs better than other single-number criteria previously used to evaluate the
scientific output of a researcher (impact factor, total number of documents, total number of citations,
citation per paper rate, and number of highly cited papers) [22]. The h-index is easy to understand
and can be easily gained by anyone with access to the Thomson ISI Web of Science [22]. Actually,
the h-index has been reviewed as one of the most reliable criteria for evaluating the scientific outputs
of researchers [23]. This index has many flaws: the articles with citations less than the h-index value
are excluded from the calculation. The number of citations is influenced by self-citations and colleague
citations, meaning that its value can be increased by recommendation to friends and colleagues [23–25].
There are many circumstances where the h-index provides misleading information on the impact of an
author. However, this popular bibliometric indicator does not consider multiple co-authorship nor
author position [11,26]. To our knowledge, no policy guides author order in biomedical publications.
The position of an author, controversies about author order, and disagreements on the involvement
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of the last author are constantly debated; thus, it is worth analyzing the relationship between author
position and bibliometric indicators [27]. The contribution of an author to a research project is not
always clear, especially when a manuscript is attributed to a large group [28].

Rating and weighting of research value is not an easy task, as history shows; often, what is
believed to be modern and mainstream research will yield highly rated papers but is not always a
guarantee of innovation and scientific progress [15]. With this in mind, and to go more into depth in
this matter, we produced a statistical evaluation of the h-index on a cohort of 60 authors belonging
to the biomedical field, accounting for only given positions. In detail, three modified h-values were
evaluated: considering only the First (F) and Second (S) authorships (referred to as FS); only the F and
the Last (L) authorships (referred to as FL); and the F, S, and L positions (referred to as FSL). The main
goal of this work was to implement an algorithm that can calculate a modified h-index considering the
author’s position in an article.

Different approaches are available to decide the author order, like sorting them alphabetically
or listing them in descending order according to their contribution [29]. Several approaches may be
used to assess the contribution of an author to a paper [30]. In the “sequence-determines-credit”
(SDC) system, the author order reflects the declining importance of their contribution.
The “equal contribution” approach uses alphabetical order and implies identical involvement.
The “first-last-emphasis” norm underlines the importance of the last author. Using the
“percent-contribution-indicated” implies detailing each author’s impact.

The convention used in the biomedical field of research, as reported in the literature [27], is as
follows: the first author conducts the majority of the work; the last author could be the senior member
of the group and usually leads the research; co-authors, those between the first and last, are ranked in
order of their input to the work; the corresponding authors—typically senior scholars—communicate
with editors and readers. With this premise, we considered the first, the second, and the last authors as
the main contributors to biomedical research.

2. Methods

A total of 60 authors from the biomedical field were selected as a cohort; 30 of them were obtained
from an Italian scientist ranking system [31] and the other 30 were chosen from all around the world.

To obtain the modified h-index, an algorithm was implemented in MATLAB (MathWorks, Natick,
MA, USA). The complete list of articles attributed to an author was extracted from the scopus.com
webpage using the implemented feature called “Export all”. The information extracted was limited
to Authors, Title, and Citation Count. Each list was obtained in the csv extension; these lists were
then imported into the workspace of MATLAB using the Import Tool App. Each author entry was
analyzed to find out their position; thus, according to the excluding criterion, the publication was
considered or not for the evaluation of h. Given that authors are frequently cited in different ways
(e.g., Surname, Name; Surname, N.; Surname M.N., etc.), the investigation considered all different
options. If a publication respected the inclusion criterion, its citation count was taken into account.
The list of included citation counts was sorted in ascending order; thus, the h value was by evaluated
considering the last position at which the citation count was higher than or equal to the position itself.
In Figure 1, a flow chart of the exclusion process is shown.
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Figure 1. Flowchart of the process to obtain the corrected h-value.

3. Results

In Figure 2 are summarized the results obtained through the different exclusion criteria here
studied. It is worth underlining the large divergences obtained comparing the higher h-values with
their respective corrected ones.

 

Figure 2. A box plot shows the modified h-index values (± standard deviation) for all authors
considered in this study. The total h-index retrieved from Scopus is the highest of the four classifications.

From the results in Figure 2, we emphasize that on the basis of our exclusion criteria, the modified
h-value decreases significantly.

To highlight these differences, the entire cohort was divided into three sub-cohorts. A first group
of authors with h-value ranging from 0 to 35 (called Low), a second group from 36 to 50 (Middle),
and a third group from 51 up to the maximum of 181 (High) were extracted, as shown in Figure 3.
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Figure 3. Histogram of the influence of the exclusion criteria on the h-values in sub-cohorts based on
the starting h from Scopus.

In Figure 3 it is underlined that the High sub-cohort, starting from the highest value of h, is the
most affected by all the exclusion criteria. This is especially true in the FS case, where it reaches a mean
reduction of more than 50%. On the contrary, for the Low group, this exclusion criterion only decreases
the h-value by roughly 30%. The Low group is more influenced by the exclusion of the publications
where the authors are present as second authors (35% of decrease). The Middle group is more affected
by the FS criterion, followed by the FL and the FSL.

In Figure 4, another histogram of the influence of the exclusion criteria is presented. In this case,
the sub-cohorts were obtained based on the number of articles each author has. Considering the large
range (from a minimum of 15 to a maximum of 1241), we chose to obtain a further group, yielding
a total of four. The Low group collected the authors with up to 150 publications, the Middle group
ranged from 151 to 300, High from 301 to 500, and Super High (S. High) from 501 to the maximum.

Figure 4. Histogram of the influence of the exclusion criteria on the h-values with sub-cohorts based
on the number of publications.

This representation also outlined how the authors with a great number of publications are more
affected by the exclusion criteria that do not take into consideration the articles where they are listed
last among the authors. The first three sub-cohorts have a mean reduction of around 50% from their
starting h-value when the FS criterion is applied. On the counter side, the FL criterion more greatly
affects the Middle and the Low cohorts, reaching roughly 40% against the 30% and 20% of the Super
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High and High, respectively. The FSL criterion has a similar outcome on the group, but is stronger on
the Middle and the Super High sub-cohorts, where it is about 30%.

4. Discussion and Conclusions

The term “impact factor” has gradually evolved to describe both journals’ and authors’ impacts.
Journal impact factors generally involve relatively large populations of articles and citations. There are
some ambiguities in the use of the h-index that could provoke changes in the publishing behaviour
of scientists, such as increasing the number of self-citations distributed among the documents on the
edge of the h-index [32]. Another disadvantage of the h-index is that not all citations of a researcher
are involved in the calculation and its value may not increase with a rise in citations. Highly cited
papers are significant for the evaluation of the h-index, but once they belong to the top h-many papers,
the effect of number of citations they get is negligible [22]. Considering that the evaluators reduce
scientific success to a single value, researchers can change their behaviour to increase these values,
even by using unethical strategies [33]. Moreover, the scientific independent criterion of peer-review
evaluation is going to be replaced by a system of private companies whose only feedback is the
indicator number [11]. The authors believe that it is essential to continue analyzing the bibliometric
indicators in order to establish their drawbacks and limitations and to propose improvements where
necessary. It is especially relevant to determine in which cases this index could be biased, since it could
have serious consequences for the assessment of scientists and academics. Our work proposes to be an
insight into the bibliometric indicators and to help the scientific community and research institutions
consider how authorship position impacts on the h-value.

The main purpose of this work was to observe the variation of the h-value when the position of
authorship is considered. Therefore, an empirical analysis was conducted to assess the influence of
an author’s intermediate positions on their h-index. The results of this study showed that when the
h-value is high, there is a large divergence between this value and the “corrected” one. We propose
an improved method to consider the importance of the authorship in a publication in order to obtain
a more profound understanding of the effective impact that an author has on their research field.
This could be realized by giving users of researcher registers (e.g., Scopus, Google Scholar, etc.) the
possibility to select which version of the h-index they want to analyze. The users should have the
possibility, along with the already-implemented exclusion of self-citations, to exclude the publications
where the authors have an intermediate position. It is worth noting that this correction should be
considered for senior researchers, whereas young ones often have difficulties obtaining a relevant
position in authorship. Thus, this exclusion can negatively affect the process of researcher renewal,
discouraging young ones who would not see their efforts rewarded.

We believe that bibliometric indices should evolve with the aim of fairer evaluation of scientific
productions. This would also be beneficial for funding distribution in the biomedical and orthopaedic
research spheres, above all considering the threat of research cuts being to the detriment of patients’
health. Alternatively, there is the risk that research toward new and more efficient biomaterials could
stagnate due to a lack of capital granted to deserving scientists.
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Abstract: A hip joint replacement is considered one of the most successful orthopedic surgical
procedures although it involves challenges that must be overcome. The patient group undergoing
total hip arthroplasty now includes younger and more active patients who require a broad range of
motion and a longer service lifetime of the implant. The current replacement joint results are not fully
satisfactory for these patients’ demands. As particle release is one of the main issues, pre-clinical
experimental wear testing of total hip replacement components is an invaluable tool for evaluating
new implant designs and materials. The aim of the study was to investigate the cup tensional state
by varying the clearance between head and cup. For doing this we use a novel hard-on-soft finite
element model with kinematic and dynamic conditions calculated from a musculoskeletal multibody
model during the gait. Four different usual radial clearances were considered, ranging from 0 to
0.5 mm. The results showed that radial clearance plays a key role in acetabular cup stress-strain
during the gait, showing from the 0 value to the highest, 0.5, a difference of 44% and 35% in terms of
maximum pressure and deformation, respectively. Moreover, the presented model could be usefully
exploited for complete elastohydrodynamic synovial lubrication modelling of the joint, with the aim
of moving towards an increasingly realistic total hip arthroplasty in silico wear assessment accounting
for differences in radial clearances.

Keywords: finite element analysis; total hip arthroplasty; UHMWPE; musculoskeletal multibody
model; tribology

1. Introduction

Total hip replacement (THR) is the most successful application of biomaterials in the short term
in order to alleviate pain, restore joint architecture, and increase functional mobility in diseased
traumatized joints [1]. A major limiting factor to the service life of THRs remains the wear of the
polyethylene acetabular cup. Preclinical endurance testing has become a standard procedure to predict
the mechanical performance of new devices during implant development. Wear tests are performed
on materials and designs used in prosthetic implants [1–3] to obtain quality control and acquire
further knowledge on the tribological behavior in joint prostheses. To gain realistic results, a wear
test should replicate the in vivo working conditions of the artificial implants [4]. However, it is well
known that wear tests have a long duration and are expensive [1,5,6]. The simulation is run for several
million cycles; assuming that one million cycles correspond to one year in vivo [7–9]. The running-in
period encompasses approximately the first half a million cycles [10]; therefore, the steady-state wear
is assessed by measuring the wear when the running-in period is over. Wear is measured either

Materials 2018, 11, 1282; doi:10.3390/ma11081282 www.mdpi.com/journal/materials59



Materials 2018, 11, 1282

gravimetrically, measuring the weight loss of the component, or through a direct analysis of the
volume that has been removed, optically or by coordinate-measuring [4,11–13].

Although in vitro wear evaluation of new medical devices is standardized [14], wear tests are not
flexible enough. The prediction of wear in hip replacements has been a subject of intense study in
recent years [15]. In silico investigation, where algorithms could be developed to model a biomedical
process, is a logical extension of controlled in vitro experimentation. It is the natural result of the
explosive increase in computing power available to scientists; thus, numerical models could be used to
predict results of a wear test with less time and cost. Obviously, the in silico analysis integrates but
does not replace the experimental tools.

Finite element analysis (FEA) has been widely used in many areas of biomechanics and
biomechanical engineering to study parameters and boundary conditions, which are not accessible
experimentally [15,16]. The numerical modeling tool of FEA has been widely applied to analyze
the behavior of articular cartilage, joints, and bone structures under compressive and tensile
stresses [17–21]. It was also used to improve the design of hip joint prostheses and to minimize
experimental tests [22]. Structural applications include the design and development of joint prostheses
and fracture fixation devices [23]. To make computational wear simulation meaningful, better
wear models are needed, and those can only be built on experimental data that call for systematic
experiments in which the relationships between the wear and the material properties, movements,
lubrication, and loading are investigated.

FEA is a useful way to investigate the effects of changing parameters such as load, velocity,
contact geometry, material properties, etc. This technique was introduced to orthopedic biomechanics
in 1972 to evaluate stresses in a human bone [24]. Since then, it has been utilized with increasing
frequency in the biomedical engineering context. FEA uses algorithms in which a domain is realized
by a number of sub-domains referred to as elements [25,26]. The behavior of each element is readily
defined and understood by numerical equations, which allow the study of complex behaviors of the
entire body.

Many researchers use FEA to investigate the mechanical and tribological behavior of the most
widespread hip implants. Maxian et al. [27] developed an adaptive re-meshing model to study the wear
evolution on a long-term regime (20 years of follow up). He found that sliding distance was mainly
responsible for the volumetric wear more than polyethylene thickness. Hu and collaborators [28]
developed, in 2001, a fully thermo-mechanical coupled finite element model of a total hip prosthesis.
The model simulating the wear test in a hip simulator was used to evaluate the transient contact stresses
and to predict the rise of temperature due to the friction for different applied loads, sliding speeds,
and frictional coefficients. Gao and co-workers [15] developed a wear model, on metal-on-metal
hip replacements, which considered lubrication for the first time via a transient elastohydrodynamic
lubrication regime. Sfantos et al. [29], on the other hand, performed a parametric study of the wear in
total hip arthroplasty by using a boundary elements method.

The aim of this study was to develop a flexible finite element model, starting from the dynamic
data retrieved by means of a multibody musculoskeletal model of the lower limb. In particular,
in a previous work Ruggiero et al. [30] used this multibody model to estimate the loads and
kinematic forces acting on the hip joint during walking and modelling with these inputs the
deformation of an acetabular cup. Our study reported here focused on the influence that the radial
clearance, namely the difference between the inner radius of the cup (Rc) and the radius of the
femoral head (Rh)—see Figure 1—has on the pressure and deformation of the acetabular cup in
a hard-on-soft bearing.

60



Materials 2018, 11, 1282

Figure 1. Schematization of the radial clearance between the inner surface of the acetabular cup
(grey component in the picture) and the outer surface of the femoral head (pink component in the picture).

2. Materials and Methods

2.1. Finite Element Analysis (FEA) Model

Workbench Ansys® Software (v. 18.1, ANSYS Inc., Canonsburg, PA, USA) was used for the
realization of the finite elements model. The model considered the hard-on-soft bearing configuration,
typical of the most widespread hip implants [31]. To solve the contact problem, the solution algorithm
must establish a relationship between the interacting surfaces, preventing the interpenetration.
The software enforces contact compatibility through a penalty-based formulation that in this study
is the augmented Lagrange, with a program-controlled penetration tolerance. With this formulation,
a direct proportionality between the applied force and the penetration, where the coefficient is a contact
stiffness, is established. Furthermore, the force is augmented by an extra term, making this method
less sensitive to the magnitude of the contact stiffness. An asymmetric behavior was chosen for the
contact, where the target body was the head and the contact body the cup, as all the resulting data
belong to the contact side.

The simulations were performed comparing the effect of different clearances ranging from zero
to 0.5 mm, namely 0, 0.05, 0.25 and 0.5 mm. The comparisons were in terms of magnitude and
distribution of the contact pressure and of the deformation at the interface. As the sliding surfaces
play a key role in the tribological performance of hip implants, the presence of the frictional force was
considered. The coefficient of friction was obtained from experimental activities [32,33], considering
a dry contact, and corresponded to 0.13. Even though the surface roughness could influence the friction
and wear of a joint [34,35], the ease of computation and the very fine roughness—typical of actual hip
replacements—led to a discharge of this aspect in the study. Contact area, pressure, and deformation
were computed as a function of the angular displacements and dynamic loading calculated through
a musculoskeletal model. Force components and orientations will be defined with respect to a pelvic
reference frame that coincides with the true anatomic superior, anterior, and lateral directions.

Ultra-high-molecular-weight polyethylene (UHMWPE) type GUR 1050, was chosen for the
acetabular cup whereas an infinitely rigid body was chosen as the femoral head, which is commonly
realized in metal or ceramic. This choice is justified by the assumption that the site of wear interest is
almost exclusively the soft body of the joint. Table 1 presents the main parameters of the acetabular cup
material [36]. The presence of the pelvic bone has been neglected, since it has little influence on contact
pressure [37]. The femoral head had a diameter of 28 mm, whereas the acetabular cup had a thickness
of 5 mm. The cup was oriented with an anterior–posterior angle of 45◦, and an inclination angle of 0◦,
these angles derived directly from the musculoskeletal model, from which forces and displacements
were obtained. Therefore, it was not necessary to impose further inclination in the model.
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Table 1. UHMWPE GUR 1050 properties.

Density
Young’s

Modulus
Poisson’s

Ratio
Bulk

Modulus
Shear

Modulus
Tensile Yield

Strength
Tensile Ultimate

Strength

(kg m−3) (MPa) (-) (MPa) (MPa) (MPa) (MPa)
930 690 0.46 1640 241 21 40

The finite element model is shown in Figure 2. A convergence study was performed to determine the
optimum mesh aspect; contact pressure and cup deformation were used as performance metrics. For the
cup the tetra patch conforming and tetra patch independent, the hex dominant quadrilateral/triangular
and all quadrilateral, multizone hexagonal were compared; for the head, quadrilateral and triangular
elements were compared. Regarding the head, quadratic elements were selected, for the cup a multizone
hexagonal/prismatic hexagonal dominant meshing was chosen. The meshing of the entire model
generated a total of 2012 elements and 3283 nodes, having 383 contact elements (Conta174 for the cup
and Targe170 for the head). Elements of the mesh, having a minimum edge length of 53.7 mm, presented
an average quality of 0.759 ± 0.152 and an average aspect ratio of 2.144.

Figure 2. Meshing on (a) the acetabular cup and the (b) femoral head.

The input data obtained by the multibody system are in a local coordinates system, which follows the
movements of the femoral head. As the software requires a global coordinates system, a conversion was
required by using the rotational matrix. The three rotations around the axes are the Flexion/Extension
(Z axes), Abduction/Adduction (X axes) and Inward/Outward (Y axes) (see Figure 3).

Figure 3. The three force directions.
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2.2. Gait Cycles and Loads

In this study, we used musculoskeletal modeling software, to estimate loads acting on the hip joint
during level walking. AnyBody Modelling SystemTM (AnyBody Technology A/S, Aalborg, Denmark)
is a musculoskeletal modeling and simulation software. It combines the principles of the inverse
dynamics with different algorithms to define the muscle recruitment and analyze the loads acting on
different joints of the human body [38]. To calculate the joint forces, the kinematic data and ground
reaction force must be known and used as inputs. These data are collected using special motion
capture tools in the gait analysis laboratories [39], which measure a subject gait by means of cameras
that monitor markers on the person’s skin.

In inverse dynamics, the motion and the external loads on the body are known, and the aim is
finding internal forces. Since not enough equilibrium equations are available to solve the problem, the
evaluation of the muscle forces is made possible by the so-called redundancy problem. The working
method of the AnyBody Modelling System is amply defined in [38], stating that there is the need to
use an algorithm to find the activation of the muscles to reproduce the function of the central nervous
system. The resolution of the multibody problem is already described in a previous work [30].

3. Results

The force components and rotations, obtained from the multibody analysis, are shown in Figure 4,
plotted along the gait cycle percentage.

Figure 4. Forces and rotations obtained from multibody.

In Figure 5, pressure distribution, on the sliding surface of the acetabular cup during different
steps are shown. Along with the cycle progressing, it is possible to observe the distributions of pressure
and its magnitude. The rotation of the head (suppressed in the images for a better understanding)
varies with the position of the highest value of pressure. When the pressure reaches its maximum
values along the cycle, its major magnitude is in the edge zone of the cup.

In Figures 6 and 7 are the comparisons of the radial clearance on the pressure and the deformation,
expressed in terms of the maximum value found on the inner surface of the cup in each timeframe.
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From these images it is possible to highlight the divergences due to the clearance and the two peaks
along the cycle. The presence of the two moments of high pressure and deformation already found in
the previous analysis is clear.

Figure 5. Pressure of the cup in several steps, as expresses in term of gait cycle percentage below
each image.

Figure 6. Maximum values of the pressure on the contact surface for different radial clearances.

Figure 7. Maximum values of the deformation on the inner surface of the acetabular cup for different
radial clearances.
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Table 2 presents the highest values along the gait cycle found for pressure and deformation, comparing
the radial clearances. These values were all located around the middle of the gait cycle, i.e., nearly 50%.

Table 2. Maximum values along the gait cycle of the pressure and deformation on the inner face of
the cup.

Radial clearance 0 0.05 0.25 0.5
Maximum pressure (MPa) 6.82 7.00 8.12 9.84

Maximum deformation (mm) 0.26 0.27 0.31 0.35

4. Discussion

The increasing number of tribology studies to analyze polyethylene wear in total hip arthroplasty
confirms the need for improved understanding and new solutions to avoid the failure of an implant
due to polyethylene wear. Wear tests are performed on biomedical materials to solve or reduce
failures or malfunctions due to material loss. It is well known that pre-clinical validation is considered
as an extension in the risk analysis task, and wear tests in prosthetic hip implants are necessary
in order to acquire quality control and further knowledge about the tribological processes in joint
prostheses [7]. The “gold standard” accepted preclinical method to evaluate the wear performance
of a hip implant design in the laboratory is performed using a joint simulator that simulates the
physiological loadings and movements of the patients; these machines give important outcomes about
the expected behavior of a hip implant in clinical use [7,30]. FEA methodology has been used for many
years as a numerical technique to solve engineering problems related to stress and strain analysis of
static or dynamic loaded contacts. The technique incorporates the principles of Newtonian mechanics
to model and animate the realistic behavior of such contacts [40,41]. In addition, experimental studies
are currently used, but they are quite expensive and time-consuming. In addition, these studies
can analyze only limited configurations and load conditions. Some authors [42–45] used different
protocols than those recommended by the ISO standard for hip and knee joint simulation [14,46,47]
considering highly demanding activities such as stair climbing, chair sitting, squats, etc. Unfortunately,
all these experimental approaches are time-consuming and very expensive. For these reasons, the use
of computational modeling is expanding also in this orthopedic field, but unfortunately, few published
papers present validated wear models to use.

The aim of this study was to investigate the influence of the radial clearance on the pressure
and deformation of an acetabular cup made of UHMWPE. The investigation based its input data on
a musculoskeletal multibody model, solved for a walking cycle. The results showed the behavior of the
inner face of the cup, which is subjected to a dynamic pressure, changing magnitude and orientation
along the gait cycle. In detail, the side zones of the cup are subjected to an elevated pressure during
the first and last touching moments of the feet on the ground, when there is the impact and the release.
These instants are known as heel strike and toe off, and their occurrence corresponds to an elevated
bending in flexion.

The values of pressure find their agreement with previous studies, like the one performed by
Liu et al. [16], where the maximum pressure corresponded to 8 MPa. The study on wear performed by
Mattei et al. [48] showed a contact pressure of 8.2 MPa in correspondence with the maximum load.
In the work of Matsoukas et al. [49] the highest values were almost 8 MPa and 12 MPa for the von
Mises pressure and the contact pressure, respectively. These values were found in correspondence
with the second peak of the stance phase, plus the pressure distribution concentrates in the edge zone
of the cup. Maxian et al. [50] found a similar distribution of pressure reaching a maximum value of
9 MPa. The small differences that we found can be attributed to the dynamic loading retrieved from the
musculoskeletal model, which differ from the standardized loads used in the literature. It is believed
that before improving and making a more complex algorithm to find wear in silico, taking also into
account realistic lubrication models, there is a need to apply more flexible and reliable loads as used in
this study.
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The comparison across the different radial clearance values highlighted that the there is a sensible
divergence in term of pressure and deformation. From the 0 value of radial clearance to the
highest, 0.5, there is a difference of 44% and 35% in terms of maximum pressure and deformation,
respectively. This increment can be attributed to the modification of the contact distribution. In fact,
when two convex–concave bodies pressing against each other are in perfect compliance the load is
distributed across a wider area than if the same two bodies differ in dimension. Having a highly
conformal contact means a wide area where forces are distributed and therefore a smaller pressure
amplitude. As a consequence of a less intense pressure, the maximum values of the deformation are
also smaller.

There is a very small variation between the two close cases of no clearance and 0.05 mm. In detail,
the difference of these conditions is limited to the 3% of the maximum pressure and 4% of the maximum
deformation. This variation is so little that it can be discarded in a first approximation, but even such
a small difference can be relevant when lubrication comes into play. Lubrication in fact is dependent
on different factors such as the viscosity of the lubricant, the finishing of the surfaces, and the shape of
them. Research has demonstrated that lubricated hip joints could be modelled as a ball-in-socket or
ball-on-plane equivalent configuration in boundary, mixed or hydrodynamic/elastohydrodynamic
lubrication regimes. In this configuration, small radial clearances may benefit from lubrication
phenomena by increasing minimum film thickness. Moreover, the greater entraining velocity in
correspondence with low clearances could favor the hydrodynamic lubricating fluid film with
a consequential positive effects on wear [24,51–54].

Obviously, our study has a number of limitations. The first limitation is due to the fact that
our model was not validated experimentally on an in vitro simulation but it was validated only by
comparison with international literature. It is stressed, however, that our model is in agreement with
other in silico models. The second limitation is that our model was developed for a diameter of 28 mm,
further studies are necessary to find out if there are differences with other dimensions. The model
considered a single orientation of the cup, which is believed to be valid as stated by other studies [22],
but limits its application to the specific case. Different cup inclination angles can influence the contact
zone, as reported in the work of Hua et al. [55]: By increasing the cup inclination “the microseparation
distances required to generate edge loading decreased”. Other factors, such as additional effects of
contact mechanics, or mechanics associated with three-body wear, temperature, and lubrication were
not incorporated in this model and remain to be modelled.

5. Conclusions

The proposed finite element model allowed us to investigate the tribo-mechanical behavior of
a hip implant subjected to dynamic loads derived from a multibody musculoskeletal model. The study
focused on the differences found in pressure and deformation, in terms of distribution and amplitude,
by varying the radial clearance in the range of 0–0.5 mm. The results highlighted the following main
findings:

• along the walking cycle, the heel strike and the toe off are the instants of highest pressure, against
these points the maximum pressure is located on the lateral side of the cup;

• radial clearance plays a substantial role on pressure and deformation magnitude across the gait
cycle: the higher the clearance, the higher the pressure. Nevertheless, reducing the clearance to
the smallest possible value is believed to affect the bearing lubrication;

• since radial clearance plays a key role in the lubricating phenomena, the proposed finite element
model will be useful to exploit in the complete lubrication modelling of the joint toward a more
and more realistic assessment of the in silico wear, accounting also for different radial clearances.
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Abstract: Macrophages are the main cells involved in inflammatory processes and in the primary
response to debris derived from wear of implanted CoCr alloys. The biocompatibility of wear
particles from a high carbon CoCr alloy produced under polarization in hyaluronic acid (HA)
aqueous solution was evaluated in J774A.1 mouse macrophages cultures. Polarization was applied
to mimic the electrical interactions observed in living tissues. Wear tests were performed in a
pin-on-disk tribometer integrating an electrochemical cell in phosphate buffer solution (PBS) and
in PBS supplemented with 3 g/L HA, an average concentration that is generally found in synovial
fluid, used as lubricant solution. Wear particles produced in 3 g/L HA solution showed a higher
biocompatibility in J774A.1 macrophages in comparison to those elicited by particles obtained in PBS.
A considerable enhancement in macrophages biocompatibility in the presence of 3 g/L of HA was
further observed by the application of polarization at potentials having current densities typical of
injured tissues suggesting that polarization produces an effect on the surface of the metallic material
that leads to the production of wear particles that seem to be macrophage-biocompatible and less
cytotoxic. The results showed the convenience of considering the influence of the electric interactions
in the chemical composition of debris detached from metallic surfaces under wear corrosion to get a
better understanding of the biological effects caused by the wear products.

Keywords: polarization; CoCr alloy; wear particles; hyaluronic acid; macrophages biocompatibility

1. Introduction

Macrophages are cells involved in inflammatory processes [1]. All orthopedic biomaterials may
induce a biologic host response to generated wear debris, which is strictly dependent on the nature
of the debris. Metal wear particles and metal ions from prosthetic devices may induce a cascade
of adverse cellular reactions that may include inflammatory complications, macrophage activation,
bone resorption, and, although rarely, neoplasia [2,3]. In this context, macrophages play a decisive role
in the hostile inflammatory reactions that can lead to implant loosening and failure.
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Implanted metal surfaces in biological environments are exposed to cells and to physiological
milieu interacting between them, an interaction that affects both the cells and the metallic surface.
Implanted metallic materials, such as CoCr alloys, undergo dissolution and formation of a passive
film that is affected by factors such as pH, ions present in the physiological medium, temperature,
and biopotentials. Biopotentials are natural electrical properties that control the normal growth and
development of different types of cells and tissues [4,5]. When a tissue is injured, its potentials undergo
alterations to the normal potential of intact tissue [6,7]. Both biopotentials and injury potentials
are found in bone and these potentials induced between injured and intact tissues persist until the
tissue heals. Potentials in injured tissue can span over hundreds of microns and are generated by
electric fields or ions flowing through the injured tissue [8,9] with a range of 10–100 mV/cm [10].
Assuming the resistivity of soft tissues to be 100 Ω cm [9,11], the resulting current density is in the
1–100 μA/cm2 range [8,12]. Fukada and Yasuda had already described in 1957 the piezoelectric nature
of the bone tissue [13]. Endogenous electrical properties of bone may play a role in the feedback
mechanism of bone remodeling and development [14,15]. In vivo, these electrical signals work in
collaboration to provide the correct environment for normal bone growth and development, but can be
disrupted or altered by an injury after a trauma and during the healing process. Moreover, the resulting
voltage gradients may induce modifications in the electrochemical potential of metallic implants and
consequently may affect their surface properties.

Díaz et al. [16] recently characterized the CoCr alloy oxide films in a phosphate buffer solution
containing 3 g/L of hyaluronic acid, the approximate concentration found in the synovial fluid of
healthy joints [17], and under potentials with current density similar to those reported for injured
tissues (1–100 μA/cm2). Potentiostatic pulses applied during the growth of the CoCr oxide film
produced a modification of the film that affected its chemical composition, thickness, and structure
compared to the passive film formed in air [16]. These modifications induced surface heterogeneities
at the atomic scale, geometric irregularities, such as nano-roughness, and a variation of the oxide
composition [16]. Moreover, application of potentials of 0.7 V vs. Ag/AgCl induced changes in the
oxide layer with the formation of 10–50 nm diameter nanopores, uniformly distributed along the
surface and an increase in Cr (VI) and Mo (VI) concentration [16].

Despite the presence of the passive film, metals are susceptible to corrosion, particularly in
aqueous environments, which may affect the surrounding tissue. Corrosion events generate electrical
currents due to electron transfer from ions in the solution to the metallic surface where reactions
are occurring. Wear-corrosion phenomena and micromotion or fretting-corrosion mechanically
removes material, including the passive film, causing continuous activation/repassivation cycles [18].
These continuous and dynamic processes not only weaken the surface performance but also lead
to an increase in the debris around the implant. Wear debris is considered one of the main factors
responsible for aseptic loosening of orthopedic endoprostheses [19,20]. Implant failure due to aseptic
loosening, or osteolysis, may result from the release of wear debris or electrochemical ions generated
during corrosion events [20–22].

From the electrochemical point of view, on the metallic surfaces of implants, the breakdown of the
passive film under the wear-corrosion process causes a drastic decrease in the open circuit potential of
the metal towards negative potentials, i.e., from the passive to active state. This situation can suppose
a polarization of about 500–700 mV with respect to the original open circuit potential. The change from
the passive to active state can be induced mechanically under wear and electrochemically applying
anodic polarization on the tribological system. Several researchers have studied the wear corrosion
processes by application of anodic potentiodynamic polarization under wear processes [23,24].

The object of this paper was to evaluate the biocompatibility of particles produced during
wear-corrosion assays of a CoCr alloy at potentiodynamic range to cover a wide polarization window
on the samples. The hyaluronic acid, the lubricant component of the synovial liquid, was selected
as the electrolyte for the generation of wear particles in conditions that represent more closely the
prosthesis environment. Since macrophages are the main cells involved in the primary response to
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foreign bodies, cytotoxicity and biocompatibility of the wear particles were evaluated using these cells,
measuring lactate dehydrogenase and mitochondrial activity, respectively.

2. Results and Discussion

2.1. Wear-Corrosion Tests

The interaction of physiological fluids with the bearing surfaces of hip implants is of great importance
in the research of artificial joint lubrication, although this study has been so far little explored.

The effect of sliding of the alumina ball on the HCCoCr alloys is clearly shown in the drastic
change in the open circuit potential. As an example, Figure 1 shows the change in the open circuit
potential when the HCCoCr surfaces in PBS supplemented with 3 g/L HA (PBS-HA) are subjected
to wear. The open circuit potential without wear was around −0.25 V versus Ag/AgCl, decreasing
sharply when the alumina ball (pin) started the circular movement under 5 N load at 120 rpm. At this
moment, the open circuit potential decreased until achieving values of about −0.55 V vs. Ag/AgCl,
i.e., about 300 mV, and remained constant until the end of the test. The reduction in the potential value
towards more negative values indicates that the HCCoCr surface becomes electrochemically active.
This variation is due to the breakdown of the passive film under sliding, promoting the release of
metallic ions and particles.

Figure 1. Open circuit potential of HCCoCr disks under wear. Measurement of the open circuit
potential before and during the wear corrosion test of HCCoCr in PBS containing 3 g/L HA (PBS-HA).

Figure 2 panels a and b show the coefficient of friction (COF) for HCCoCr/alumina pair in PBS
and PBS supplemented with 3 g/L HA (PBS-HA) during anodic potentiodynamic polarization and the
anodic polarization curves drawn at 10 mV/min of HCCoCr in PBS and PBS containing 3 g/L HA
under wear conditions (between point 1 and 2 in Figure 2a), respectively. The anodic polarization
curve of HCCoCr in PBS-HA without wear has been also added in Figure 2b for comparative reasons.
It can be seen that under sliding at the corrosion potential (before point 1 in Figure 2a), the COF was
significantly higher in PBS than in PBS-HA. This result agrees with the hypothesis that the hyaluronic
acid has a known lubricant role in the joint, acting as a shock absorber [25] and thus facilitating smooth
joint movement by reducing friction between both surfaces. At the next stage (from point 1 to 2,
in Figure 2a), the difference between both COF (in PBS and PBS-HA) remained, but higher fluctuations
were detected. The fluctuations could be related to the continuous formation of hard particulate matter

73



Materials 2018, 11, 756

that enhances friction between both counterparts and decreases the friction when ejected from the
track to surrounding areas where it accumulates (Figure 3). The load applied on the CoCr surfaces
while sliding activates mechano-chemical reactions, causing not only the detachment of the passive
film [26] but also bulk material resulting in an increase of COF. The hyaluronic acid in PBS maintains
the lubricant effect during most of the wear corrosion tests.

 
(a) (b) 

Figure 2. Friction coefficient of HCCoCr/alumina pair (a) and anodic polarization curves (APC)
of HCCoCr disks (b) during wear corrosion tests in PBS and PBS containing 3 g/L HA (PBS-HA).
Measurement of the friction coefficient before, during, and after application of anodic polarization
current (APC). Anodic polarization curve for HCCoCr alloy in PBS-HA without wear is added for
comparative analysis.

 
(a) (b) 

Figure 3. Secondary electron images of wear tracks on HCCoCr disks. Images by SEM of HCCoCr
samples in PBS-HA under wear: (a) at the open circuit potential (PBS-HA) and (b) applying anodic
potentiodynamic polarization (PBS-HA+POL).

As a consequence of mechanically assisted corrosion, the passive film on the HCCoCr surface
was rapidly broken in both media, PBS and PBS-HA, producing an increase of approximately 3 orders
of magnitude in current (Figure 2b) with respect to the anodic polarization curve without wear.
Corrosion progresses on the wear track drawn by the sliding of alumina ball on the HCCoCr disks
(Figure 3). Having in mind the wide passive region seen in the anodic polarization curve drawn
without wear (Figure 2), the potential applied could be employed in forming rapidly the new oxide
film. However, the sliding rate is quick enough to avoid the repassivation and formation of new
protective chromium oxides. The constant value of the current density around 1 mA (three orders of
magnitude higher than without wear) indicates that under these experimental conditions (5 N load
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and sliding rate of 120 rpm), the passive film is destroyed and remains in an active state until the end
of the test.

Figure 3 shows the secondary electron (SE) images of the tracks of HCCoCr in PBS-HA after wear
corrosion tests, at the corrosion potential (PBS-HA) and under anodic potentiodynamic polarization
(PBS-HA+POL). In both cases (a) and (b), debris is accumulated in the immediate vicinity of the wear
tracks, but the surface inside the track is especially altered when anodic potentiodynamic potential
is applied. Figure 4 shows, as an example, the semiquantitative analysis taken by EDS of the three
areas of interest in the HCCoCr alloy immersed in PBS-HA after wear corrosion under polarization
(PBS-HA-POL): away from the track (spectrum 1), immediate vicinity (spectrum 2), and inside the
track (spectrum 3). The most important feature found is the high % C content accumulated in the
vicinity of the track. It means that the debris is mainly composed of C and O, the greatest proportion
probably coming from the hyaluronic acid.

Figure 4. HCCoCr surface after wear corrosion applying anodic potentiodynamic polarization.
Secondary electron image and EDS analyses away from the track, in the immediate vicinity, and inside
the track in the HCCoCr surface in PBS-HA+POL.

The morphology and chemical characterization of the wear particles detached during wear
corrosion tests revealed some interesting results. Figure 5 shows, as an example, the secondary electron
image of wear particles collected from the tribocorrosion test in PBS containing 3 g/L HA and the
semiquantitative analysis of some particles, identified from 1 to 6 and marked in blue color.

The statistical results of the effect of the corrosive medium and polarization applied in the wear
corrosion tests on the chemical composition of the wear-detached particles collected appear in Table 1.
In this table, three condition numbers assigned to 1, the PBS corrosive medium, 2, the PBS-HA corrosive
medium without applying polarization, and 3, the PBS-HA corrosive medium applying polarization
(PBS-HA-POL), have been considered. Mean, standard deviation, minimum and maximum value,
C25 and C75, and median are shown.
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Figure 5. Secondary electron images of wear particles. Particles were collected from wear corrosion
tests performed in PBS containing 3 g/L HA (PBS-HA) and deposited on silicon wafer to analyze the
chemical composition of detached particles. Blue colors represent the particle where EDS has been
performed and the particle number shown in pink is correlated to the pt shown in the table attached.

Table 1. Statistical analysis by Kruskal–Wallis test for the chemical composition (wt %) of wear particles
detached during wear corrosion tests of CoCr samples in PBS (condition number 1), PBS+ 3 g/L HA
(condition number 2) and under anodic potentiodynamic polarization (condition number 3), where n is
the number of samples, mean is the average value, SD is the standard deviation, C25 is the value of
the 25% of the data, C75 is the value of the 75% of the data, and p * is the significant difference at 0.95
confidence level.

Condition Number n Mean SD Minimum Maximum C25 Median C75 p *

Cr
1 7 33.28 6.92 21.61 43.13 29.33 34.38 38.45
2 24 28.53 8.73 14.06 48.82 21.28 27.52 33.66 0.034
3 7 39.09 11.02 22.34 57.01 33.65 37.60 47.67

Co
1 7 4.31 6.02 0.00 13.81 0.00 0.00 11.54
2 24 7.73 16.94 0.00 54.07 0.00 0.00 5.99 0.001
3 7 36.08 17.59 15.14 58.64 17.57 32.12 51.48

Mo
1 7 0.00 0.00 0.00 0.00 0.00 0.00 0.00
2 24 0.45 1.54 0.00 5.63 0.00 0.00 0.00 0.006
3 7 2.71 2.60 0.00 5.48 0.00 4.00 5.45

P
1 7 18.59 5.02 11.46 26.36 15.76 16.87 23.16
2 24 14.11 5.90 0.96 27.48 11.64 13.24 17.83 0.051
3 7 9.40 7.30 1.30 19.57 1.89 8.79 16.10

Al
1 7 1.52 4.01 0.00 10.62 0.00 0.00 0.00
2 24 0.18 0.68 0.00 3.17 0.00 0.00 0.00 0.123
3 7 0.76 1.06 0.00 2.57 0.00 0.00 1.85

O
1 7 40.10 10.67 23.79 54.36 33.72 41.31 51.57
2 24 41.82 17.72 3.52 72.84 34.64 49.54 51.69 0.002
3 7 10.91 7.03 3.76 23.11 4.83 8.28 16.05

C
1 7 2.19 5.80 0.00 15.35 0.00 0.00 0.00
2 24 6.98 7.49 0.00 19.94 0.00 6.39 14.16 0.022
3 7 0.00 0.00 0.00 0.00 0.00 0.00 0.00

* p-value in the Kruskal–Wallis test.

It can be seen that the particles are mainly composed of Co, Cr, Mo, P, C and O, with some
traces of Al in some isolated particles. The Kruskal–Wallis test indicated that there are significant
differences in the levels of Cr, Co, Mo, O and C, comparing the different conditions, i.e., depending on
the composition of corrosive medium (PBS-condition 1 or PBS-HA-condition 2) and the application of
polarization in wear corrosion tests (PBS-HA-POL, condition 3, and PBS-HA, condition 2). However,
no significant differences in P and Al levels were obtained.
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The results of the post hoc Mann–Whitney test used to determine which pairs differed among
them are shown in Table 2. Cr levels are significantly higher in condition number 3 than 2 (p = 0.021).
Co and Mo levels are significantly higher in condition number 3 than 1 and 2 (p = 0.002 and p = 0.001,
p = 0.025 and p = 0.002, respectively). O levels are significantly lower in condition number 3 than 1 and
2 (p = 0.002 in both cases). C levels are significantly lower in condition number 3 than 2 (p = 0.017).

Table 2. Post hoc Mann–Whitney analysis to determine which pairs differed among them (condition
numbers: 1-PBS, 2-PBS-HA, and 3-PBS-HA+POL).

Comparison between Pairwise

p ** 1 vs. 2 p ** 1 vs. 3 p ** 2 vs. 3

Cr 0.119 0.277 0.021
Co 0.556 0.002 0.001
Mo 0.438 0.025 0.008
P - - -
Al - - -
O 0.508 0.002 0.002
C 0.098 0.317 0.017

** p-value in the Mann–Whitney test.

In summary, the statistical analysis confirmed that factors such as “composition of the corrosive
medium” and “polarization applied” have an influence on the dependent variable chemical
composition of the particles that is discussed immediately below.

The main significant effect of the addition of hyaluronic acid in the PBS to the wear particles
detached is observed in the increase of the C content in the chemical composition of the particles.
In both media (PBS, condition 1, and PBS-HA, condition 2), particles are mainly composed of Cr and
O, followed by P and some Co. This chemical composition can be directly linked to the detachment of
the native passive film during the wear corrosion test.

It has been proven by XPS (data not shown) that the immersion of the HCCoCr surfaces in
PBS-HA causes a decrease in the Co species in the passive film and the enrichment in chromium oxide
where phosphorus is included. It has been reported in literature that phosphate is adsorbed upon
freshly exposed metal at the same time that ions are released into the solution until the passive layer is
formed, whose composition varies significantly depending upon the environment [27]. Lewis et al.
established that the corrosion, especially when associated with mechanical wear, is controlled by
phosphate anions that absorb or react with the Co and Cr dissolution products. This promotes
the formation of a mixed composition of phosphates, hydroxides, and oxides originating from the
bulk metal.

This means that most of the particles collected after the wear corrosion tests in PBS and PBS-HA
come from the native passive film (whose thickness is about 5–7 nm) and are mainly composed of
chromium oxide and phosphate.

With respect to applying polarization during the wear corrosion tests in PBS-HA (condition 3),
this factor has an important effect on the chemical composition of the wear particles detached. In this
condition, particles are mainly composed of Cr and Co, followed by O, P, and Mo. The main significant
effect of the polarization is the significant enrichment in Co, Cr, and Mo in the chemical composition
of the detached particles. In this case, the wear particles produced under anodic polarization increased
the Co/Cr ratio (with a value of 0.9 in comparison with a value of 0.3 found in PBS-HA without
polarization). As wear particles obtained without polarization, these particles also contained P,
although in a low proportion (Table 1). It has been reported in the literature [16] that the potential
applied on the HCCoCr induces a change in the chemical composition of the passive film. Díaz et al.
established that the increase in polarization (from 0.5 to 0.7 V) induced the preferential dissolution of
cobalt whereas chromium was concentrated in the surface oxide film [16]. The passive film grown at a
potential of 0.5 V vs. Ag/AgCl (into the passive region of the anodic polarization curve) consisted
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predominantly of Cr2O3 and Cr(OH)3. However, the oxidation at a potential of 0.7 V vs. Ag/AgCl
caused the appearance of Cr (VI) in the passive film but Co was not increased. In the case of wear
corrosion under anodic potentiodynamic polarization, the continuous sliding of the alumina ball on
the HCCoCr surface did not allow the regeneration of the oxide film. Instead, an active state stimulated
by polarization was induced on the surface where bulk material was directly exposed and detached
to the electrolyte. Considering this situation, the results reveal that the anodic polarization on CoCr
surfaces under wear-corrosion processes accelerated and induced the release of larger metallic particles
with higher Co content coming from the base material.

2.2. Macrophage Cell Response

Macrophages are a primary immune cell type and the main cellular type involved in inflammatory
processes [1] and in host response [28], so their biologic host response to wear particles generated from
the implanted materials is of great interest.

Macrophage response to wear particles derived from the tribocorrosion assays was evaluated by
measuring the effect on cell toxicity and respiratory activity.

Cytotoxicity induced by HCCoCr wear particles was analyzed by measuring LDH activity released
from cells (Figure 6), whose levels increase upon plasma membrane damage, a sign of cell death [29].
As is shown in Figure 6, exposure of macrophages cultures to wear particles induced a degree of
cytotoxicity that was mainly dependent on the conditions used during wear-corrosion assays and
particle concentration. As shown in Figure 6 panel A, particles concentration of 0.5 mg/mL obtained
in PBS produced almost 58% cytotoxicity, a percentage that was significantly reduced to almost 12%
when wear particles were generated from tribocorrosion tests in the presence of 3 g/L of hyaluronic
acid (PBS-HA), an effect that could indicate a protective role of the hyaluronic acid on the metallic
surface under wear stress conditions (Table 3). Concentrations of 1 mg/mL of wear particles from
the PBS test produced an increase in the macrophage cytotoxicity to almost 75%, a value elevated
in comparison with the cytotoxicity induced by the wear particles obtained in PBS containing 3 g/L
of HA, where cytotoxicity reached 14% (data not shown). No additional increase in the cytotoxicity
was observed at higher concentrations of wear particles (2 mg/mL) generated in PBS as macrophages
cytotoxicity appeared comparable to the one elicited by exposure to lower concentrations of particles
(0.5 and 1 mg/mL), where approximately a 64% cytotoxicity was detected (data not shown).

Figure 6. Macrophage cytotoxicity, measured as LDH activity, of cell cultures exposed for 72 h to
HCCoCr wear particles. Panel A: Exposure of macrophages culture to 0.5 mg/mL wear particles.
Particles were obtained in PBS and in PBS containing 3 g/L HA (PBS-HA). A p value of ≤0.05 was
considered significant (*); Panel B: Exposure of macrophages culture to 2 mg/mL wear particles
obtained in PBS containing 3 g/L HA with and without polarization application, PBS-HA+POL and
PBS-HA, respectively. Experimental data were done as independent triplicate. Differences between
data analyzed here were not significantly different (labeled as ns).
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Table 3. Statistical analyses of cytotoxicity data. Mean differences of cytotoxicity effects between P2
(0.5 mg/mL) vs. P3 (0.5 mg/mL) and P3 (2 mg/mL) vs. P6 (2 mg/mL) were studied with Student’s t
tests (α = 0.05), respectively. (a) Wear particles obtained in PBS (P2) and in PBS containing 3 g/L HA (P3).
(b) Wear particles obtained in PBS containing 3 g/L HA (P3) and in PBS containing 3 g/L HA with
polarization application (P6).

(a)

P2 (0.5 mg/mL) vs. P3 (0.5 mg/mL)

Mean of P2 Mean of P3 P Value
57.84 12.24 0.015

(b)

P3 (2 mg/mL) vs. P6 (2 mg/mL)

Mean of P3 (2 mg/mL) Mean of P6 (2 mg/mL) P Value
46.18 23.9 0.248

Particles produced in PBS containing 3 g/L of HA at concentrations of 2 mg/mL elicited an
increase in the macrophages cytotoxicity that reached almost 46% (Figure 6, panel B, PBS-HA).
Although such an increase was higher than the one produced by particles concentrations of 0.5 and
1 mg/mL, which were 12% and 14%, respectively, it was reduced to 24% when polarization conditions
characteristic of damaged tissue were applied (Figure 6, panel B, PBS-HA+POL). Although the
statistical analysis of the data from Figure 6 panel B (Table 3) gave no significant differences between
results analyzed here, the application of anodic polarization to HA aqueous solution seems to have
important observable differences on the mean value of the cytotoxicity. This feature could be relevant
and, for this reason, verification by other biocompatibility assays is required. With this purpose,
the wear particles collected from the tribocorrosion assays of CoCr alloy in PBS-HA without and
applying anodic polarization were tested on macrophages cultures by measuring the mitochondrial
activity. It is well known that the mitochondrial activity measurement is directly proportional to
the number of metabolically active cells in culture [29] constituting a measure of cell viability and
biocompatibility. As it is shown with Figure 7 by white bars, wear particles collected in the PBS-HA
produced a gradual and significant reduction in the mitochondrial respiratory response of macrophages.
This result seemed to be directly related to the concentration of particles to which macrophages
were exposed (Table 4). Nevertheless, no reduction in the mitochondrial respiratory activity was
observed in macrophages exposed to wear particles generated when polarization was applied during
wear-corrosion tests. No significant effects in respiratory activity were observed in the range of particles
concentrations tested (Figure 7, black dotted bars, and Table 5). The results suggest that the polarization
conditions in the wear-corrosion assays in PBS containing HA at the approximate concentration found
in synovial fluid seem to be beneficial to macrophage viability and biocompatibility.

Table 4. Statistical analyses of mitochondrial respiratory activity. The effects of the particle (P),
the concentration, and their interaction on the changes in respiratory activity were analyzed with
a two-way analysis of variance. A p value of ≤0.05 was considered significant. Mean pairwise
comparisons were computed with a Tukey’s test (α = 0.05). All analyses were performed with the R
software version 3.4.2 (R Core Team, Vienna, Austria, 2017).

ANOVA

Sum Sq Df F Value Pr (>F)

P 5745.2 1 266.75 4.64 × 10−9

conc 2191.39 2 50.87 2.76 × 10−6

P × conc 2648.33 2 61.48 1.07 × 10−6

Residuals 236.91 11 - -
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Figure 7. Mitochondrial respiratory activity of macrophages cell cultures exposed for 72 h to different
doses of HCCoCr wear particles. Wear particles were obtained in PBS containing 3 g/L HA without
(white bars) and with polarization (dotted black bars). Cell cultures were exposed to the following
wear particles concentrations: 0.5, 1 and 2 mg/mL. Experiments were done as independent triplicate.
Bars labeled with different letters show statistically significant differences and bars labeled with the
same letter (c) show nonsignificant differences.

Table 5. As the interaction was significant, simple effects were compared. Means with the same letter
are not significantly different.

P Conc Mean Lower.CL Upper.CL Group

P3 2 25.7 17.1 34.3 a
P3 1 60.9 52.3 69.4 b
P3 0.5 87.5 77 98 c
P6 1 89.8 81.3 98.4 c
P6 2 94.3 85.8 102.9 c
P6 0.5 95 86.4 103.5 c

The dose-dependence effect on mitochondrial respiratory activity by particles detached in PBS-HA
could be explained by the chemical composition of wear particles collected from wear-corrosion
tests in this solution as a decrease in Co was observed, as well as an enrichment in chromium oxide,
a compound with high toxicity [30] in comparison with the composition of PBS-HA-POL wear particles.
The results suggest that polarization conditions applied to an HA aqueous solution at the approximate
concentration found in synovial fluid produce changes in material tribocorrosion behavior inducing
wear particles that seem to be beneficial to macrophage viability and biocompatibility. Data that could
explain the higher biocompatibility of wear particles generated in PBS-HA+POL could be related
to the fact that under these conditions, wear processes did not allow the regeneration of the oxide
film. This event could determine the creation of an active state where CoCr base material was directly
exposed to the electrolyte without enough time to build up the new oxide film that induced the release
of metallic particles with higher Co content probably coming from the base material.

3. Materials and Methods

3.1. Material

A high carbon CoCr alloy (hereafter HCCoCr) that complies with ASTM F75 standard was
used as material. HCCoCr composition is shown in Table 6. “Double heat-treated” disks, i.e.,
solution treatment (ST) followed by hot isostatically pressing (HIP), of 38 mm in diameter and 4 mm
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thickness, were obtained from BIOMET Spain Orthopaedic (Valencia, Spain). The sample preparation
consisted of grinding on SiC paper, followed by mechanical polishing with 3 μm diamond paste.

Table 6. Chemical composition (wt %) of High Carbon CoCr alloy (HCCoCr).

C Co Cr Mo Ni S P Al W Mn Fe Si N Ti Cu

HC 0.22 62 29.4 6.4 0.1 0.004 0.001 0.01 0.03 0.7 0.16 0.7 0.16 - -

3.2. Wear-Corrosion Tests under Electrochemical Control

Wear-corrosion experiments were carried out on a pin-on-disk tribometer, and 6-mm diameter
alumina ball pins were used as HCCoCr disk counterpart. The HCCoCr disks were 38 mm in diameter
and 4 mm thick. Both disks and pins were previously washed with double distilled water and cleaned
in an ultrasonic ethanol bath for 10 min. The alumina pins were placed in a pin plastic holder and fixed
on the load cell. A low normal load of 5 N was applied on the counterpart. The working electrode
motion was provided by a rotating motor at a rotation rate of 120 rpm that produced, at the end of the
alumina ball, a circular wear track (5 mm in diameter) on the HCCoCr disk surface.

The tribometer configuration consisted of an integrated electrochemical cell (3-electrode cell)
including the HCCoCr disk as working electrode, a ring-shaped Pt wire counter electrode and a
saturated Ag/AgCl reference electrode. All the potentials of the HCCoCr disks during the wear
corrosion tests were measured versus the reference electrode. Wear-corrosion tests were performed in
Phosphate Buffer Solution (PBS) containing the following composition: 0.2 g/L KCl, 0.2 g/L KH2PO4,
8 g/L NaCl, and 1.150 g/L Na2HPO4 (anhydrous) and this PBS solution was supplemented with 3 g/L
hyaluronic acid, the approximate concentration reported for the synovial fluid of healthy joints [17].

The wear-corrosion behavior was studied simultaneously measuring the friction coefficient
and electrochemical parameters. The wear-corrosion tests were performed as follows (Figure 8):
(a) before wear (no sliding) by the measurement of the corrosion potential for 10 min and (b) under
sliding (at 120 rpm and 5 N load) in two different ways: one where a simultaneous measurement
of the corrosion potential and the coefficient of friction (COF) were performed for 40 min without
applying polarization and the other, applying anodic potentiodynamic polarization and simultaneous
measurement of current and coefficient of friction (COF) for 200 min. The anodic potentiodynamic
polarization was applied from the corrosion potential to a polarization of 1 V at a scanning rate of
10 mV/min, and back curve was drawn until reaching the corrosion potential. The back curve was
also measured to analyze the repassivation ability of the HCCoCr alloy. For comparative purposes,
the anodic potentiodynamic polarization without wear in PBS and PBS-HA was also measured.
All experiments were carried out in triplicate.

Figure 8. Schema of the experimental procedure of the wear-corrosion tests.
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Surface characterization of the worn surface after wear-corrosion tests with polarization and
without polarization was performed by profilometry and using a JEOL-6500F microscope equipped
with a field Emission Gun (FEG) coupled to an Energy Dispersive X-ray (EDS) spectrometer.
Secondary electron (SE) images were taken at 7.5 keV and EDS analysis was performed at 20 keV.

3.3. Isolation and Characterization of Particles

Debris from tribocorrosion tests performed in PBS, PBS containing 3 g/L hyaluronic acid
(both without applying polarization), and in PBS supplemented with hyaluronic acid under anodic
polarization was collected for the subsequent characterization. Metallic particles were isolated,
purified, and characterized following the protocol developed by Billi et al. for metal particles [31].
This procedure allows exhaustive removal of organic and inorganic impurities from the metallic
particles. To completely digest the hyaluronic acid, metal particles in PBS supplemented with 3 g/L HA
were digested adapting the protocol developed by Kavanaugh et al. [32].

Wear-corrosion media (PBS and the digested hyaluronic acid solutions) containing metallic
particles were rotated at 28 rpm in an orbital agitator for 24 h at room temperature to disperse the
metal particles evenly before their isolation. The particles were then purified via density gradient
centrifugation varying from 4446× g to 284,000× g (Beckman Optima L80 XP; Beckman Instruments,
Fullerton, CA,USA) through multiple layers of denaturants and metal-selective high-density layers as
was described [31,32]. This led to well-dispersed particles deposited onto a 5 mm × 5 mm featureless
display silicon wafer (Ted Pella, Inc., Redding, CA, USA) coated with a monolayer of marine mussel
glue (Cell-TakTM; BD Biosciences, San Jose, CA, USA). The silicon wafer was then coated with 10 Å
iridium [31,32].

The morphology of metallic particles was studied with a field emission scanning electron
microscope (FE-SEM) (Supra VP-40; Zeiss, Peabody, MA, USA) at a voltage of 15 kV and chemically
analyzed by means of Energy-dispersive spectroscopy (EDS) analysis (Thermo Ultradry feature sizing
system; Thermo Electron Scientific Instruments, Madison, WI, USA).

3.4. Macrophages Cell Cultures Assays

The biocompatibility of wear particles was tested in a mouse macrophage cell line (J774A.1)
from DSMZ Human and Animal Cell Bank. Macrophages cell cultures were exposed to different
concentrations of wear particles.

Wear particles obtained from the wear-corrosion tests were centrifuged and the particle pellet was
weighted, UV sterilized for 15 min, and resuspended in sterile bidistillated water and maintained in
aliquots at −20 ◦C until use. Wear particles, just before cell cultures assays, were thawed, resuspended
by vigorously mixing with a vortex, and diluted at a concentration of 20 mg/mL in Dulbecco’s
Modified Eagle Medium (DMEM 41966; Gibco, BRL, Invitrogen, Thermofisher scientific, Paisley, UK)
supplemented with 10% heat-inactivated fetal bovine serum (FBS; Gibco, BRL) and with a mixture of
antibiotics (penicillin at 100 units/mL and streptomycin at 100 g/mL, Gibco, BRL), named as complete
cell culture medium. A concentration of 20 mg/mL was used as stock solutions for the particles
concentration tested in different cell assays. To assure a polydisperse distribution of the particles
vigorous vortexing was applied in all experimental steps that required particles manipulation.

To evaluate the effect of HCCoCr particles on cell cultures, macrophages were seeded on 96-well
culture plates at 75,000 cells/mL cell density in complete cell culture medium. A final volume of
100 μL of cell suspension in complete cell culture medium was added to each well of the 96-well
plates. After 24 h in culture, cell media were removed and replaced by 100 μL of fresh complete cell
culture medium containing the following concentrations of HCCoCr particles: 0, 0.5, 1 and 2 mg/mL.
Cell cultures were maintained for 72 h in a cell culture chamber at 37 ◦C and 5% CO2. Incubation time
was selected based on the set-up of cell cultures assays for metallic particles studies carried out in the
lab and is the most commonly used time point for cell viability studies [33]. Mitochondrial activity

82



Materials 2018, 11, 756

(WST-1 assay) and plasma membrane damage (LDH assay) were used to evaluate the biocompatibility
and cytotoxicity, respectively, as described below [29].

3.5. Mitochondrial Activity Measurement

Reduction of the WST-1 reagent (4-[3-4-iodophenyl)-2-(4-nitro-phenyl)-2H-5-tetrazolio]-1,3-benzene
disulfonate (Roche Diagnostics GmbH, Mannheim, Germany)) was used to evaluate the effect of different
concentrations of the HCCoCr wear particles on mitochondrial activity of macrophages cultures.
The mitochondrial activity measurement is directly proportional to the number of metabolically active
cells in culture. After 72 h in culture, 10 μL of the cell proliferation kit reagent WST-1 was added to each
well containing 100 μL of fresh complete cell culture medium, and the mixture was incubated inside the
cell culture incubator for 30 min. After incubation, 100 μL of each reaction mixture were transferred to
a 96-well cell plate, and the absorbance of the samples was measured as differential absorbance, 415 nm
minus 655 nm, in an iMark microplate absorbance reader (Bio-Rad, Hercules, CA, USA), using the
absorbance given by complete cell culture medium as a blank. All experiments were carried out as
independent triplicate.

3.6. Measurement of Lactate Dehydrogenase Activity

To measure and quantify the effect of HCCoCr wear particles on cell death and cell lysis,
lactate dehydrogenase (LDH) activity was measured in the supernatants of cell cultures by an
enzymatic assay using the Cytotoxicity Detection Kitplus (Roche Diagnostics GmbH, Mannheim,
Germany). Supernatants were collected from cell culture after being exposed for 72 h to different
HCCoCr particles concentrations and were centrifuged for 5 min at 1024× g. The enzymatic assays
were performed according to the LDH kit protocol provided by Roche Diagnostics (Mannheim,
Germany). Complete cell culture medium was used as a control for absorbance baseline. LDH activity
was measured based on differential absorbance, 490 nm minus 655 nm, in an iMark microplate
absorbance reader (Bio-Rad, Hercules, CA, USA). LDH catalyzes the conversion of lactate to pyruvate,
reducing NAD+ to NADH/H+, which is used by the catalyst to reduce a tetrazolium salt to a formazan
salt, which is responsible for the change in absorbance at 490 nm. Quantification of LDH activity is
used as an indicator of plasma membrane damage, as is a stable cytoplasmic enzyme present in all
cells and rapidly release into the cell culture supernatant when the plasma membrane is damaged
being a sign of cell death. The percentage of cytotoxicity is calculated taking as control a total cell
lysate in the absence of any particles. The percentage cytotoxicity is calculated as described in the LDH
kit protocol provided by Roche Diagnostics: Cytotoxicity (%) = [(exp. value − low control)/(high control
− low control)] × 100; where experimental value (exp. value) corresponds to the absorbance of the
treated sample in the study exposed to wear HCCoCr particles, low control is the absorbance from
the untreated cell cultures with no particles that corresponds to spontaneous LDH released, and high
control is the absorbance value obtained after total cell cultures lysis that corresponds to the maximum
releasable LDH activity. The background absorbance corresponding to complete cell culture media
was subtracted from the absorbance of all samples before cytotoxicity calculations. All experiments
were carried out as independent triplicate.

3.7. Statistical Analysis of Data

3.7.1. Wear Particles Analysis Data

The experimental design used to determine the effect of two factors as the corrosive medium
and the application of polarization on the dependent variable, that is, the chemical composition
of the particles, was a 22 factorial design. In order to explain significant interaction, simple effects
of one factor on the dependent variable at each single level of the other factor were computed.
After this, simple effect pairwise comparisons were performed to detect levels of the second factor
in which simple effects of the first factor on the dependent variable were significantly different.
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Kruskal–Wallis [34] and Mann–Whitney [35] nonparametric tests were used to confirm the ANOVA
results. A p-value < 0.05 was considered as significant. All the statistical analyses were performed
with the Minitab® 17.1.0 software (Minitab Inc., State College, PA, USA) [36].

3.7.2. Biocompatibility Analysis Data

Mean differences on cytotoxicity effects between wear particles obtained in PBS (0.5 mg/mL)
versus particles in PBS containing 3 g/L of hyaluronic acid (0.5 mg/mL) and between wear particles
obtained in PBS containing 3 g/L HA (PBS-HA; 2 mg/mL) without versus with polarization application
(PBS-HA+POL; 2 mg/mL) were studied with Student’s t tests (α = 0.05), respectively.

The effects of the particles, the concentration, and their interaction on the changes in mitochondrial
respiratory activity of macrophages were analyzed with a two-way analysis of variance. A p value
of ≤0.05 was considered significant. Mean pairwise comparisons were computed with a Tukey’s test
(α = 0.05). Means with the same letter are not significantly different and means with different letters
are significantly different.

All analyses were performed with the R software version 3.4.2 (R Core Team, Vienna, Austria,
2017) [37].

4. Conclusions

1. The wear particles collected after wear corrosion in PBS and PBS-HA were mainly composed
of chromium oxide coming from the detachment of the passive film and phosphate adsorbed on the
particle surface and/or adsorbed on the broken passive film.

2. Composition of the corrosive medium and polarization, applied to mimic the electrical interactions
observed in living tissues, has an influence on the chemical composition of the particles. The wear
particles detached after wear corrosion with polarization in PBS-HA have a chemical composition with a
higher significant content of Cr and Co than those particles collected without polarization.

3. Biocompatibility in vitro assays here reported, measured by LDH release and mitochondrial
respiratory activity, seem to indicate that particles from wear corrosion in PBS supplemented with
3 g/L of hyaluronic acid, an approximate concentration that is found in the synovial fluid of healthy
joints, under anodic polarization produce in macrophages lower damage to the plasma membrane and
are more biocompatible, most likely associated with particles chemical composition.

4. As more variables of the prosthesis environment are considered in in vitro assays to study
cell-biomaterial interactions, as are the electric interactions, in order to have a closer view of the
different processes that are taking place in vivo at the cell-biomaterial interface, a better knowledge of
the biological consequences will be obtained.

5. Understanding these consequences of the electrical signals on the growth and development of
cells and tissues should be applicable for the design of appropriate solutions and adequate treatments
for orthopedic-bearing patients.
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Abstract: Measuring small-magnitude strain fields using a digital image correlation (DIC) technique
is challenging, due to the noise-signal ratio in strain maps. Here, we determined the level of accuracy
achievable in measuring small-magnitude (<0.1%) homogeneous strain fields. We investigated
different sets of parameters for image processing and imaging pre-selection, based on single-image
noise level. The trueness of DIC was assessed by comparison of Young’s modulus (E) and Poisson’s
ratio (ν) with values obtained from strain gauge measurements. Repeatability was improved,
on average, by 20–25% with experimentally-determined optimal parameters and image pre-selection.
Despite this, the intra- and inter-specimen repeatability of strain gauge measurements was 5 and 2.5
times better than DIC, respectively. Moreover, although trueness was also improved, on average,
by 30–45%, DIC consistently overestimated the two material parameters by 1.8% and 3.2% for E and
ν, respectively. DIC is a suitable option to measure small-magnitude homogeneous strain fields,
bearing in mind the limitations in achievable accuracy.

Keywords: digital image correlation; homogeneous strain; small deformation level; accuracy;
precision; calcium phosphate cements

1. Introduction

Calcium phosphate cements (CPCs) are bone substitute materials used for tissue defects filling [1].
Although they should mimic the mechanical behavior of bone tissue, their mechanical properties are
still far from optimal. In fact, CPCs are brittle [2–4], and the limited data available in the literature
suggests that this material can only withstand small strain levels (range 0.1–0.2%) before failure [5,6].
Therefore, new CPC formulations are still under development [7].

CPC testing is performed on small specimens (typically up to 20 mm in their largest
dimension) [8–10]. Accurately measuring strain values the material undergoes to during testing
is useful to compare different formulations of CPCs regarding elastic response and toughness
enhancement. However, due to CPC characteristics, this is a challenge. In fact, contact-type
extensometers cannot be used, because the knife edges would damage the specimen surface.
Conversely, strain gauge installation may affect CPC response because of the unavoidable penetration
of cyanoacrylate adhesive into the pores, which are always present in the cement matrix [8,11,12].
Therefore, the alternatives are non-contact techniques, i.e., optical methods based on interferometric
techniques, or digital image correlation (DIC).

Interferometric techniques may be highly accurate, but are not practical for large sample
size studies. They also may be too sensitive to environmental conditions, or could be limited to
measurements on quasi-static loading scenarios [13–18]. Conversely, the DIC technique can be
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easily implemented, as demonstrated by its wide range of applications [19–23]. Video extensometry,
initially based on feature-based image registration techniques that is evolving into a real-time
DIC [24], can measure high strain level with small errors. However, strain errors increases if the
specimen’s dimensions decrease [25]. Moving on to DIC, experimental studies have defined effective
procedures to calibrate DIC systems and/or to process the acquired images [26–29], thereby improving
measurement accuracy. Unfortunately, although DIC has been demonstrated to be accurate in
measuring medium-large strain levels [30–36], non negligible errors have been found when measuring
small (<0.1% or 1000 microstrain) strain values [37–40], i.e., of the same order of magnitude of strain
that CPCs can withstand before fracture. To the authors’ knowledge, there is only one report showing
that the DIC technique has the potential to provide an accuracy level comparable to the strain gauge in
measuring small strain values [41]. However, that study was carried out analyzing artificial images,
i.e., in absence of experimental errors. Conversely, studies based on experimentally-acquired images
suggest that the measurement of small strain values may be affected by errors with an order of
magnitude of up to 10% [28,38,39,42–44].

The present study investigated the suitability of DIC for measuring small-magnitude,
homogeneous strain field, by experimentally determining the accuracy achievable using DIC to
measure Young’s modulus (E) and the Poisson’s ratio (ν) of a specimen subjected to strain levels
smaller than 0.1%.

2. Materials and Methods

The strain gauge (SG) technique was chosen as a reference technique to determine the error
in measuring E and ν using the DIC technique. Aluminum was used instead of CPCs, to avoid
any problems related to the SG application (described in the introduction section), i.e., an undesired
reinforcing effect on the porous brittle material. Five parallelepiped specimens (10 mm square cross
section, 20 mm height) were machined from an AA1050 (maximum grain size 80 μm) square bar, in
order to ensure material uniformity. Each specimen underwent two series of uniaxial compression tests.

In the first series, a DIC system (Aramis 5M, GOM mbH, Braunschweig, Germany) was used
to measure surface strain fields. Two digital cameras (2050 × 2448 pixels, TXG50i, Baumer Optronic
GmbH, Radeberg, Germany), equipped with 2.8 FL/50 mm Titanar lenses and polarization filters
(Schneider-Kreuznach, Bad Kreuznach, Germany) simultaneously monitored two opposite sides of the
specimen at 15 Hz (Figure 1a).

 

Figure 1. Scheme of the experimental setup used to measure surface strain. (a) Arrangement of the
DIC system. The area of interest on the specimen surface is also shown. (b) Specimen instrumented
with triaxial rosettes.
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Both cameras were mounted onto a rigid support integrated into the testing machine frame and
oriented in order to have the specimen surface centered in the view, while assuring a perpendicularity
error smaller than 0.5 degrees. The camera-specimen distance was adjusted to the minimum focusing
distance—about 150 mm from the polarizing filter placed in front of the camera lens to the specimen
surface—obtaining a 12.6 × 15.0 mm measuring window. The resulting pixel size was 0.006 mm.
A smaller pixel size, experimentally achievable with higher focal length lens, would have required a
smaller dot size—determining the need to replace the airbrushing procedure (see below)—and would
have reduced the subset dimension into millimeters (see below), thus introducing potential noise,
due to the local strain gradient that occurs across grain boundaries. Speckle patterns (black dots on
a white background) were previously created on two opposite surfaces of the specimen using an
airbrush (Iwata HP-CH, 0.3 mm nozzle, Anest Iwata Europe S.r.l., Torino, Italy). Airbrush settings (air
pressure = 3 bar; paint reduction by volume = 40%; airflow at the nozzle = 2 screw turns; needle travel
length = 3 screw turns; spraying distance about 15 cm) were chosen using an internal airbrush-specific
algorithm [45], in order to achieve an optimal speckle size of 3–5 pixels [46,47]. A trained operator
(A.A.) created all patterns trying to achieve a coverage factor falling within the range of 42–50%,
in order to minimise strain noise [48]. Average speckle size and coverage factor, calculated using
the technique proposed by Lecompte et al. [49] and Shih [50], were 4.3 pixels (mean value range:
4.1–4.5 pixels) and 49% (range 47–50%) respectively. Images were acquired under the best achievable
experimental conditions, i.e., at the smallest lens aperture (1/16, to get a sufficient depth of field), using
the maximum exposure time (56 ms, due to the frame rate set to 15 Hz), while maximizing uniform
lighting conditions over the entire area of interest (a white-light led was placed at about 80 mm from the
specimen surface, the minimum allowable distance without interference of the 9W-led body with the
field of view while maintaining the lamp heat-sink above and behind the camera lens). 2D calibration
of each camera was carried out before each test-session by using a cubic-shaped 15 × 12 mm panel,
following the manufacturer’s recommendations [28].

An 8 by 4 mm rectangular area in the center of the specimen surface (Figure 1a) was selected as
the area of interest, to exclude a local effect due to end effects. Preliminarily, the interaction between
the subset size, step size, and strain window was investigated to select optimal parameters for image
processing. The theoretically-set optimal subset size was calculated as three times the sum of the mean
of the speckle size and distance (calculated values fell in the range 25 × 25–28 × 28 pixels), rounded to
the nearest multiple of ten. Therefore, a subset size of 30 × 30 pixels was chosen. The step size was set
at 1, 3, 8 and 15 pixels.

Image processing was carried out using a dedicated software (Aramis V 6.3.0, GOM mbH,
Braunschwieg, Germany). Surface strain in a measurement point, i.e., the center of a subset, was
calculated using a square grid containing the center points of N × N neighboring subsets [51,52],
hereinafter referred to as the strain window. The 2D deformation gradient tensor was calculated
solving the system of equation, based on a first-order shape function, by the least square method [53,54].
The strain window was increased, starting from 3 × 3 subset, i.e., a field of center points of 3 × 3 subset,
and increasing in steps of 2 subsets, up the maximum dimension of 9 × 9. Since increasing the step
size decreased the noise in zero-strain maps (Figure 2), and the processing time without losing
independent data, a step size of 15 pixels was chosen, i.e., an overlap ratio between neighboring
subsets of 50% [55,56]. Similarly, a 9 × 9 strain window dimension was selected, because the noise
decreased in zero-strain maps by increasing the strain window (Figure 2) [57]. Therefore the first
image processing was carried out using a subset size of 30 × 30 pixels, a 50% overlap ratio and a
9 × 9 strain window.

A second image processing was carried out using the same parameters, except for the subset size,
which was set at 60 × 60 pixels. This size was experimentally determined starting from the previous
(30 × 30 pixels), and increasing it in steps of 10 pixels. The selection of the experimentally-determined
optimal subset size to be used for image processing was based on the values of the coefficient of
variation (CV, i.e., the ratio of the standard deviation to the mean, expressed in percent) of the principal
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strain values calculated for pooled data obtained from each couple of images. Indeed, CV values,
which should theoretically be zero, are affected by both experimental and processing errors; the latter
decreases by increasing the subset size. Since no further significant reduction was found when
passing from pixel sizes 60 × 60 to 70 × 70, the 60 × 60 dimension was selected as the experimentally
determined optimal subset size, as mentioned above (Figure 3, see also Supplementary Materials,
Figure S1).

 

Figure 2. Errors in a zero-strain map achieved using a subset size of 30 × 30 pixels with different
overlap values and strain window dimensions (error bar = standard deviation).
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Figure 3. Representation of CV values calculated on the same image datasets changing the subset size
from 30 × 30 to 70 × 70 pixels. (a) εl values; (b) εt values. Note: Each circle represents the CV of all
strain values (ε) measured on the area of interest of a couple of images simultaneously acquired on
both sides of the specimen.

A third image processing step was carried out using the previous parameters and an image
pre-selection. Since noise on the strain map determines angle fluctuation of principal compressive (or
longitudinal strain εl) and tensile strain (or transverse strain εt) direction, image pre-selection was
based on the distribution of angle fluctuation: an image, and the image simultaneously acquired on
the opposite surface of the specimen, was automatically discarded when three times the standard
deviation of θ values (3SDθ) was greater than 0.1 rad, where θ was the angle between local εt and the
horizontal direction (Figure 4).
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Figure 4. Two strain maps, with a cumulative distribution of θ and εt values, calculated for the
same εl value (εl = 280 microstrain) on the same specimen surface during two different test-sessions.
(a) 3SDθ > 0.1 rad: this image, and the image simultaneously acquired on the opposite surface of the
specimen, must be discarded; (b) 3SDθ ≤ 0.1 rad: this image is accepted if θ distribution determined for
the image simultaneously acquired on the opposite surface of the specimen fulfils the same requirement.

For all the three image processing, the average values (indicated as ε) of εl and εt were calculated
over the two areas of interest which were simultaneously acquired by the two cameras.

In the second series, triaxial rosettes with pre-attached lead wire (UFRA-3-350, Tokyo Sokki
Kenkyuio Co, Tokyo, Japan) were used to measure strain reference values; this was necessary to
determine the accuracy of the DIC technique (Figure 1b). After having carefully prepared the surface
(Vishay Precision Group, 2014), a rosette was attached in the center of all four sides of the specimen
surface (Figure 1b). Strain data were acquired at 100 Hz, using a multichannel data logger (System 6000,
Vishay Precision Group, Raileigh, NC, USA), and processed to determine the principal directions and
principal strains using a dedicated software (StrainSmart V4.31, Vishay Precision Group, Raileigh, NC,
USA). The average values (ε) of εl and εt simultaneously acquired by the four rosettes were calculated.

Both test series were performed at a constant displacement rate of 0.1 mm/min. Specimens
were mounted onto a fixed platen placed onto a 10 kN load cell and loaded through an unlocked
spherical seat platen fixed to the actuator of the testing machine (Mod.8502, Instron, Norwood, MA,
USA), allowing alignment to the specimen end surface. A customized jig was used in order to align
the specimen to the spherical seat, while maintaining the two patterned surfaces orthogonal to the
DIC cameras. An initial preload (about 20 N) was applied to maintain the position of the specimen
before removing the customized jig. All tests were limited to −5.6 kN, in order to reach a maximum
compressive strain value just above a target value of 800 microstrain (i.e., 0.08%). The minimum
compressive strain value was chosen considering the image processing errors. Indeed, referring to the
experimentally-determined optimal subset size 60 × 60, CV values started to increase exponentially
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for εt values falling below 140 microstrain (Figure 3). Therefore this value, which corresponds to
400 microstrain in term of εl, was set as minimum strain value in calculating E and ν.

Each test-session of five specimens was repeated five times after dismounting and remounting
the whole setup. For each test repetition, E and ν were calculated using εl and εt, measured as
described above using both techniques. εl values were limited to a range of 400–800 microstrain for
the aforementioned reasons. The E value was determined as the slope of the stress-εl curve. The ν

value was calculated as the mean value of all the absolute ratios of εt to εl. Inter- and intra-specimen
repeatability was expressed as CV, calculated for five repetitions carried out on the same specimen
and for each set of five specimens respectively. DIC trueness was assessed by analyzing differences
between E and ν mean values, which were determined using DIC and SG techniques on each specimen,
by means of a paired t-test.

Finally, on the basis of the achieved results (see below), the third image processing was used to
determine the elastic properties of a CPC prototype formulation. The formulation was optimized for
3D plotting, i.e., the paste allowed extrusion from a thin needle and assured printed shape stability.
Ten parallelepiped specimens (10 mm square cross section, 20 mm height) were printed in air and
immersed in deionized water for two weeks to achieve full setting. CPC specimens underwent
monotonic compressive tests performed at a constant displacement rate of 0.1 mm/min. E and ν were
calculated limiting εl to the range of 400–800 microstrain for the aforementioned reasons.

3. Results

Noise in zero strain readings was negligible for SG; in all cases, measured values were smaller
than 4 microstrain. Conversely, although εt and εl values calculated using DIC technique were smaller
than 10 microstrain, ε standard deviation was 10–20 microstrain, with peak values up to 70 microstrain.

Approximately, 360 images were captured by each camera during a test against about 2400 triplets
of data acquired from each rosette. Image pre-selection was used in the third processing procedure for
DIC data. This process discarded, on average, 12% of images (range 0–35%). Discarded images were
generally acquired in the first part of the test, i.e., where εt values calculated using DIC fell into the
lower part of εt range. An example of the effect of image pre-selection on collected data is show in
Figures 5 and 6.

 

Figure 5. E value determined for one specimen. (a) Regression slope obtained using a subset
size of 60 × 60 pixels. (b) Regression slope obtained using a subset size of 60 × 60 pixels and
image pre-selection.
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Figure 6. ν mean value determined for one specimen. (a) Data obtained using a subset size of
60 × 60 pixels. (b) Data obtained using a subset size of 60 × 60 pixels and image pre-selection. Note 1:
The 140 microstrain threshold to εt had already been applied before calculating ν values reported in
this graph. Note 2: Interchanging εl to εt in x-axis would: (i) scale the x-axis by a factor of 1/0.35 (ii)
cause a small horizontal drift of each point, the entity and direction of which would depend on the
difference between the current value and 0.35; no changes would occur in ν mean values.

Intra- and inter-specimen repeatability values, calculated for the two techniques, are summarized
in Tables 1 and 2 for E and ν values respectively. The three CV values reported for DIC technique refer
to the three different image processing procedures. Intra- and inter-specimen repeatability of DIC
were comparable. Conversely, inter-specimen repeatability of SG was double that of intra-specimen.
In general, both techniques were more precise for determining E values. However, regardless of
the measured parameter, the intra- and inter-specimen repeatability of SG measurements was better
than DIC by about 5 and 2.5 times respectively. An improvement in DIC repeatability was found by
increasing the subset size, and by adding image pre-selection. This improvement was more noticeable
when looking at the worst CV values calculated for ν values.

Table 1. Intra- and inter-specimen repeatability for E values. The mean and the worst (maximum) CV
values are reported.

Young’s Modulus (E)
Strain Gauge

Mean (Worst)

DIC
Subset 30 × 30
Mean (Worst)

DIC
Subset 60 × 60
Mean (Worst)

DIC
Subset 60 × 60 + Image pre-Selec.

Mean (Worst)

Intra-specimen repeatability 0.4% (0.7%) 2.2% (2.4%) 1.9% (2.2%) 1.8% (2.0%)
Inter-specimen repeatability 0.8% (1.0%) 2.3% (2.9%) 2.0% (2.7%) 1.9% (2.4%)

Table 2. Intra- and inter-specimen repeatability for ν values. The mean and the worst (maximum) CV
values are reported.

Poisson’s Ratio (ν)
Strain Gauge

Mean (Worst)

DIC
Subset 30 × 30
Mean (Worst)

DIC
Subset 60 × 60
Mean (Worst)

DIC
Subset 60 × 60 + Image Pre-Selec.

Mean (Worst)

Intra-specimen repeatability 0.8% (1.2%) 4.4% (6.4%) 3.8% (5.4%) 3.3% (4.4%)
Inter-specimen repeatability 1.6% (2.2%) 4.3% (6.3%) 3.8% (5.5%) 3.5% (4.9%)

The trueness of DIC is shown in Figure 7, where values experimentally determined using SGs
were used as reference. Although the bias decreased by increasing the subset size and adding image
pre-selection, the difference was statistically significant in all three comparisons.
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Figure 7. (a) E and (b) ν mean values, and relative standard deviations, determined using SG and
DIC technique. The grey bands represent the range of E and ν values for AA1050, as reported in the
literature. Note: The total sample size is 25, with 5 repeated measurements taken on the same specimen.

The pilot study on a CPC prototype formulation was successfully carried-out using the described
experimental procedure. Indeed, elastic mechanical properties were determined for all ten tested
specimens. E and ν were 9.0 ± 1.2 GPa and 0.22 ± 0.04 respectively.

4. Discussion

This study shows that DIC can measure small-magnitude (<0.1%) homogeneous strain fields with
satisfactory accuracy, as demonstrated by the good agreement between E and ν values determined
using SG (reference values) and DIC technique.

Although the DIC technique is extensively used to investigate material response to loads, these
results were not foreseeable because, in general, published studies measured surface strain values
with magnitudes of 1% or greater, both at macro and microscopic scales, [23,25,35,36,42,58–60] and
reported error values of the same order of magnitude of the strain range as those investigated in the
present study [28,39,42–44,61]. Indeed, the above-mentioned accuracy was achieved by minimizing
the noise level, by (i) measuring each strain value (ε) on a 60 × 60 pixels subset, using a 50% overlap
ratio (step size 30 pixel) and a 9 × 9 strain window, meaning that each strain value was calculated on a
squared area of 300 × 300 pixels, i.e., 1.8 × 1.8 mm, and (ii) averaging all the strain values measured
over an area of 64 mm2 to calculate the εl and εt value for each couple of images simultaneously
acquired, i.e., averaging about 900 ε values. Despite all this, some level of noise in εl and εt values,
of up to 40 microstrain (in agreement with previous findings [62]), still remains, as shown by the
dispersion of ν values in Figure 6. It has been widely demonstrated that the overlap ratio (or step size),
subset size, and strain window dimension (or computation size) in image processing impact the DIC
accuracy. These parameters were optimized in the present study for the described setup. Indeed, the
chosen overlap ratio fell into the optimal range recommended in the literature, i.e., 50–75% [52,63,64].
A greater overlap ratio, i.e., smaller step size, would produce oversampled data, and increase noise on
the strain field [48,65]. Similarly, a subset size greater than 60 × 60 pixels would not further reduce
the residual error. It is acknowledged that increasing the subset size will increase the accuracy with
which displacements are determined [49,66,67]. Indeed, CVs of ε values decrease as the subset size
increases from 30 × 30 to 60 × 60, as shown in Figure 3. However, beyond a 60 × 60 pixel size,
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no further improvement was found; this is in agreement with previous studies showing that there
is a plateau in noise reduction [25,42,66,67]. It must be acknowledged that subset sizes used in the
literature are generally smaller than 60 × 60 pixels [30,31,68,69]. However, those studies investigated
strain levels greater than 1%. Indeed, trends observed in Figure 3 suggest that subset size smaller than
60 × 60 become appropriate for measuring strain levels greater than 0.08%, thus increasing the ability
of DIC to capture strain gradients. However when strain levels smaller that 0.1% are investigated,
the optimal subset size increases [41,70]. It is noteworthy that CV values do not converge to zero.
It seems unlikely that this noise is due to strain localization across grain boundaries, since the subset
dimension, in millimeters, was at least one order of magnitude greater than the grain dimension.
In other words, we assumed that the aluminum surface deformation appeared homogeneous at subset
scale level. Noise in DIC measurements contributes to a residual trend. However, the actual strain
distribution was non-uniform over the cross section, due to undesired off-axis loading on the specimen.
In fact, although specimen alignment was performed carefully, a misalignment error of up to 0.1 mm
may have occurred, which contributes up to 6.5% to residual CV value. The DIC setup (i.e., two
cameras monitoring simultaneously two opposite side of the specimen), as well as the four-rosette
configuration, was chosen in order to compensate for the misalignment error, and to determine
accurate E value. Referring to the strain window dimension, a large value (9 × 9) was used, i.e., each
ε value was calculated over a quite large area, as explained above. This choice decreases the ability
of DIC to capture strain gradients, and therefore to accurately monitor what happens in proximity
of any nucleating crack, which is irrelevant in the homogeneous strain field. Greater strain window
dimensions might further lightly smooth ε values, but would not change the ε value calculated over
the entire area of interest, and ultimately, would not change the results.

Other known sources of error are due to inaccuracies in preparing the specimen surface (speckle
pattern), or in setting up the experimental model (loading condition, lens alignment, lighting, etc.).
Special attention was paid in the specimen preparation. The speckle pattern was created by spraying
black dots on the specimen surface following a previously developed procedure [45]. This involved
the use of an airbrush-specific algorithm, which allows a trained operator to achieve the desired
dot size of 3–5 pixels, and a coverage factor closer to 50%. On the basis of the data available in the
literature [42,47,48,65,71], the achieved pattern should minimize the correlation error. In addition,
the experimental model was set up attempting to achieve the best operating conditions. Additionally,
the experimental setup minimized the error of perpendicularity between camera and specimen surface,
decreasing the out-of-plane motion. Indeed, residual errors in calculating Poisson’s ratio determined
using the DIC technique, are comparable to those reported in the literature using the DIC 3D setup [72],
which is unaffected by out-of-plane motion, without the need to manipulate DIC data. Finally, another
source of error was deleted by simultaneously monitoring two opposite sides, in order to compensate
for the problem of a non-axial-load applied on the specimen due to small misalignment between
specimen axis and spherical seat. However, other errors are operator dependent (e.g., focusing
camera lenses, lighting homogeneously both specimen surfaces). Despite the fact that the same trained
operator carried out all test-sessions, the repeatability in achieving the experimental optimal conditions
for the investigated strain range appeared to be a problem. However, it must be acknowledged that
other sources of errors, such as thermal noise or CCD sensor noise [73] may have affected strain
measurements. Whatever the cause, when experimental “sub-optimal” conditions occurred, image
pre-selection played a role in reducing error and slightly improving DIC accuracy. In fact, image
pre-selection discarded several images in all but one test session. The image pre-selection criterion is
based on a priori knowledge of strain directions. It deletes all and only images that are noisy, which is
more effective than data filtering, slightly improving both DIC trueness and precision in determining
E and ν values (although a residual bias and a quite large dispersion still exists). Dispersion values
can be ascribed to specimen inhomogeneity only for a small part. Indeed, apart from the fact that
specimens were machined from the same bar, in order to minimize material inhomogeneity due
to processing route, the inter-specimen repeatability achieved using SG was excellent. It could be
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argued that the E and ν values determined using SG are not true values, and therefore, that it is not
possible to conclude that DIC overestimates the two mechanical parameters. However, although
SG data are affected by some degree of uncertainty, the E and ν values determined using SG are in
agreement with those reported in the literature for AA1050. This observation indirectly supports the
aforementioned conclusion.

Other known sources of error are the quality of DIC hardware [28,74,75], and the correlation
algorithm [34,37,54,74,76,77]. However, it was out of the scope of this study to compare different
hardware or algorithms. Therefore, one commercial system was used to carry out the experimental
series; this is a major limitation of this work. In fact, it cannot be excluded that different hardware
components or different sub-pixel registration algorithms might have further improved the accuracy
and precision achieved in the present study. However, the described procedure appeared suitable to
determine CPC elastic mechanical properties, whose accuracy is a key for the reliability of numerical
models of CPC 3D structures.

5. Conclusions

DIC can be practical and effective in measuring small-magnitude (<0.1%) homogeneous strain
fields. The experimentally-determined optimal parameters for image processing, including the
identification of the optimal subset size for the actual speckle pattern, and image pre-selection based
on strain direction, can minimize the noise level. Under these conditions, a trueness better than 2% and
4% in measuring E and ν can be achieved, keeping in mind that both parameters are overestimated.
However, DIC repeatability must be taken into account when calculating the sample size.

Supplementary Materials: The following are available online at http://www.mdpi.com/1996-1944/11/5/751/s1,
Figure S1: Errors in a zero-strain map achieved using a subset size of 60 × 60 pixels with different overlap values
and strain window dimensions (error bar = standard deviation).
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Abstract: The hip joint replacement is one of the most successful orthopedic surgical procedures
although it involves challenges to overcome. The patient group undergoing total hip arthroplasty now
includes younger and more active patients who require a broad range of motion and a longer service
lifetime for the replacement joint. It is well known that wear tests have a long duration and they are
very expensive, thus studying the effects of geometry, loading, or alignment perturbations may be
performed by Finite Element Analysis. The aim of the study was to evaluate total deformation and
stress intensity on ultra-high molecular weight polyethylene liner coupled with hard material head
during one step. Moving toward in-silico wear assessment of implants, in the presented simulations
we used a musculoskeletal multibody model of a human body giving the loading and relative
kinematic of the investigated tribo-system during the gait. The analysis compared two frictional
conditions -dry and wet and two geometrical cases- with and without radial clearance. The loads and
rotations followed the variability of the gait cycle as well as stress/strain acting in the UHWMPE cup.
The obtained results allowed collection of the complete stress/strain description of the polyethylene
cup during the gait and calculation of the maximum contact pressure on the lateral edge of the insert.
The tensional state resulted in being more influenced by the geometrical conditions in terms of radial
clearance than by the variation of the friction coefficients due to lubrication phenomena.

Keywords: total hip arthroplasty; musculoskeletal multibody model; dynamic loading; finite element
analysis; radial clearance; dry and wet friction

1. Introduction

Total Hip Replacement (THR) is the most successful application of biomaterials in the short term
in order to alleviate pain, restore joints, and increase functional mobility in diseased traumatized
articulations [1–3]. A major limiting factor to the service life of THRs remains the wear of the
polyethylene acetabular cup [4,5]. Preclinical endurance testing has become a standard procedure
to predict the mechanical performance of new devices during their development. Wear tests are
performed on different materials and designs used in prosthetic implants [1,6–8] to obtain quality
assessment and acquire further knowledge about the tribological processes of joint prostheses.
The objective of these investigations is to find out the wear rate and its dependence on the test
conditions. In order to obtain realistic results, a wear test should reproduce the in vivo working
conditions on the artificial implants [9].

It is well known that wear tests that are close to the in vivo conditions have a long duration
and elevate costs [1,10,11]. The wear simulation is run for several million cycles, considering that
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one million cycles corresponds to one year in vivo [12–14]. The running-in period encompasses
approximately the first half a million cycles; the steady-state wear is assessed by measuring the wear
after the running-in period [15]. Wear is evaluated either gravimetrically, determining the weight
loss of the components, or by measuring the volume of the material that has been removed, e.g.,
wear pit dimensions [9,16]. Lubricant absorption or creep of the loaded components, especially for
polyethylene, is considered. Wear measurements are normally done at lubricant change stops, e.g.,
every 500,000 cycles.

Finite Element Analysis (FEA) has been widely used in many areas of biomechanics and medical
engineering [17]. The numerical modelling tool of finite element analysis has been widely applied to
study the behavior of articular cartilage, joints, and bone structures under compressive and tensile
stresses. Structural applications include the design and development of joint prosthesis and fracture
fixation devices. FEA enables to investigate parameters and boundary conditions, which are not
accessible experimentally nor analytically. It has been applied to orthopedic devices to gain a deep
understanding of the behavior of the bone-implant system and to support the design and pre-clinical
testing of new devices. Thus, computational wear simulation can be a valuable complement to wear
tests, e.g., in predictions of the lifetime of prostheses evaluating the effects of geometry, loading, or
alignment perturbations.

As the first attempt to apply FEA to the orthopedic field dates back to 1972 [18], there have
been four decades of developing and improving this methodology, along with the increase of
computational power. Nevertheless, to make in silico wear simulation meaningful, better wear
models are needed through advanced study design and corroboration with in vitro testing. The most
intricate aspect of such models is the loading conditions acting on the implants, as their knowledge
is still not fully reached. Few hip replacements have been subjected to direct load measures from
Bergmann et al. [19–21], which limits the result validity to the subjects of the study. A more general
load analysis can be obtained by muscular skeletal models, as it has been done by the authors [22],
to study knee implants, or by van der Ploeg et al. [23], who used the multibody results as input for a
FEA studying the micro-motions of a femoral stem.

In this work, a musculoskeletal multibody model was used in order to estimate the loads acting
on the hip joint during walking. A finite elements analysis was then conducted using these loads and
kinematic inputs. The study reports the results in terms of total deformation and stress intensity of an
acetabular polyethylene liner coupled with a femoral head of a hard (ideally rigid) material.

2. Materials and Methods

2.1. Gait Cycles and Loads

In this study, the authors used a musculoskeletal modelling software to estimate loads acting on
the hip joint during level walking. The simulation was performed with AnyBody Modelling System™
(AMS) [24]. To calculate the joint forces, knowledge of kinematic data and ground reaction forces that
are used as input is required. These data are collected in gait analysis laboratories using special motion
capture tools [25], which allows the measurement of a subject’s gait through cameras that monitor
markers on the subject’s skin.

In inverse dynamics, the motion and the external loads on the body are known, and the aim
is determining the internal forces. However, not enough equilibrium equations are available to
find all the unknowns of the problem, therefore the calculation of the muscle forces is possible by
the so-called redundancy problem. The solution of the muscle recruitment problem in the inverse
dynamics approach is generally formulated as an optimization problem of the form:

minG( f (M)) (1)

with
C f = d (2)
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0 ≤ f (M)
i ≤ Ni, i ∈ {1, . . . , n(M)}, (3)

where G is the objective function (1), i.e., the assumed criterion of the recruitment strategy of the central
nervous system, stated in terms of the muscle forces, and minimized with respect to all unknown

forces in the problem, f = ( f (M)T f (R)T)
T

, (i.e., muscle forces and joint reactions). Equation (2) is the
dynamic equilibrium equations, which enter as constraints into the optimization. C is the coefficient
matrix for the unknown forces/moments in the system, d is a vector of the known applied loads and
inertia forces. The non-negativity constraints on the muscle forces, Equation (3), states that muscle can
only pull, not push and the upper bounds limit their capability, so N1 is the strength of the muscle.

The most popular forms of the objective function G, calculated from the relative intensity
and normalized for each muscle, are the polynomial criteria and the soft saturation criteria per
Siemienski et al. [26]:

G( f (M)) =
n(M)

∑
i=1

(
f (M)
i
Ni

)p

(4)

with p = 2, since it is established in the literature as predicting reasonable muscle activation patterns
for the type of analyzed trial.

All segments of the biomechanical system are modelled as rigid bodies, neglecting effects such as
the wobbly masses of soft tissues.

2.2. Finite Element Modelling

The finite elements model was realized through Ansys® Workbench commercial software (v.18.1,
ANSYS Inc., Canonsburg, PA, USA). To minimize the computational complexity there were considered
only the two major bearing components in a hip implant, namely the femoral head and the acetabular
cup. The presence of the pelvic bone has been neglected, since its influence has a least effect on contact
pressure [27]. The bodies of the FE model are shown in Figure 1, the mesh was realized through
quadratic tetrahedral elements. Mesh convergence tests were performed, resulting in a total number of
elements and nodes of 2012 and 3283, respectively, having 383 contact elements.

Figure 1. Mesh model of the femoral head and the polyethylene liner.

To solve the contact problem the Augmented Lagrange algorithm was used, considering an
asymmetric behavior, which is recommended for the solution of frictional contacts. The femoral
head was modelled as a rigid body, whereas for the polyethylene insert of the cup it was selected the
Ultra-High-Molecular-Weight-Polyethylene (UHMWPE) GUR 1050 material, as it is one of the main
polymer materials used for implant applications [28,29]; Table 1 summarizes its main parameters.
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Table 1. UHMWPE GUR 1050 attributes.

Density
Young’s

Modulus
Poisson’s

Ratio
Bulk

Modulus
Shear

Modulus
Tensile Yield

Strength
Tensile

Ultimate Strength

(kg·m−3) (MPa) (-) (MPa) (MPa) (MPa) (MPa)

930 690 0.43 1640 241 21 40

The material is assumed to be homogenous and isotropic. Even if roughness plays a key role on
the tribological behavior of hip implants [30,31], the model surfaces are considered smooth, as in most
of the models found in literature, for the ease of solution.

The study was conducted to understand the stress behaviour in dry conditions, as the presence
of lubricant modifies the pressure distribution on the surfaces. However, as further knowledge,
the influence of the friction coefficient was introudced, comparing a dry and a lubricated regime,
namely, a DRY case, i.e., no lubrication, and a WET case, i.e., lubricated conditions. The mean values
of the friction coefficient in lubricated conditions were extracted from experimental studies on the
prosthesis tribological pairs [32,33]. Thus, a dry friction value of 0.13 and a mean wet friction value of
0.05 was selected.

The femoral head had a diameter of 28 mm, whereas the acetabular cup had a thickness of 5 mm.
Moreover, two geometrical configurations of the coupled bodies were studied, and the simulations
were executed considering the presence of the radial clearance (CC condition) and not considering it
(NC condition). Radial clearance is the difference between the radius of the acetabular cup and the one
of the femoral head (see Figure 2). Radial clearance, when considered, was 0.5 mm [34]; the results of
the two configurations were then compared.

Figure 2. Radial clearance is the difference in radius of the acetabular cup and the femoral head. In this
image the clearance is amplified for a better understanding.

The input data obtained by the multibody system were evaluated in a local coordinates system,
which follows the movements of the femoral head. As the FE model requires a global coordinates
system, a conversion was performed considering well-known geometric transformations [35]. Further
force components and mesh orientations are defined with respect to a pelvic reference frame that
coincides with the true anatomic superior, anterior, and lateral directions (see Figure 3). The tensional
state and the total deformation were evaluated on the inner surface of the polyethylene liner.
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3. Results

The forces and the rotations taking place along the three degrees of freedom were gained from
the multibody analysis. The force components are the ones depicted in Figure 3. The three rotations
around the axes are the Flexion/Extension (around z axes), Abduction/Adduction (around x axes) and
Inward/Outward (around y axes).

Figure 3. The three force vectors represented on a femoral head.

In Figure 4 the force components and the rotations derived from the model are shown. It is
noticeable that the highest rotation is the Flexion/Extension, whereas the highest load is along the y
axes. Forces and rotations so obtained were used as dynamic inputs for the finite element model.

In Figure 5 the pressure distribution on the internal surface of the cup in different instants of the
cycle is shown, with regards to the dry NC condition as exemplificative case. Along with the different
orientation of the femoral head it is possible to observe the pressure distribution on the polyethylene
liner. Its highest values are found at 8% and 48% of the cycle (respectively Figure 5a,c). In the latter
case the highest level of the Anterior/Posterior force was also found (see Figure 4), and the pressure is
more concentrated in the edge zone of the insert. In the other two images, Figure 5b,d, at 26% and 93%
of the cycle, the pressure reaches lower values and its mostly located in the central part of the inner
hemisphere. The other geometrical and frictional cases are here omitted for brevity, but they presented
a similar distribution of pressure, only leading different intensity of the tensional state.
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Figure 4. Forces components, in red Fx, in green Fy, in blue Fz. Head rotations, around x axes in red,
y axes green and z axes blue.

Figure 5. Pressure distribution on the internal surface of the acetabula cup. (a) NC case, dry condition;
(b) NC case, wet condition; (c) CC case, dry condition; (d) CC case, wet condition.
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Figures 6 and 7 present a summary of the maximum values of pressure and total deformation,
comparing the two friction conditions and the two geometric configurations. In Figure 6a the maximum
value of pressure is shown, for each part of the cycle. The maximum value throughout the walking
cycle is equal to 7 MPa and it is found around 48% of the way through the cycle—agreeing with
the dynamic analysis. A slight difference was found between the two friction cases, showing a
higher peak value in the wet condition. In Figure 6c the maximum value of the total deformation is
displayed; its highest value is again related to the wet case, reaching almost 0.6 mm. In Figure 6b,d
the comparisons are shown, in terms of pressure and deformation, between the two friction cases
considering the presence of the radial clearance (CC). In Figure 6b, the comparison highlights the
almost complete lack of difference in the two friction conditions; the highest value reached is almost
10 MPa. However, in Figure 6d the curves have some differences, showing slightly higher values of
total deformation in wet condition (maximum value of 1 mm and 0.9 mm for the wet and the dry case,
respectively).

In Figure 7 the comparison of the two geometrical conditions is presented, with and without radial
clearance (CC and NC, respectively). In Figure 7a, considering the boundary lubrication, the maximum
pressure plot shows the large divergence in the two geometrical solutions. The highest values are
almost 10 MPa and 6.7 MPa, for the CC and NC respectively. As well as the curves in Figure 7c, where
the total deformation is shown, the highest values are found for the CC condition where it reaches
almost 1 mm, whereas NC gives back at the most 0.6 mm. The curves in Figure 7b also brings out
the divergences in the two geometrical configurations under dry friction, the pressure in CC being
higher than the one found in NC; the values are almost the same as those already described in the
wet condition. Figure 7d reports the maximum values of the total deformation, clearly showing the
difference in the CC and NC conditions.

Figure 6. Comparison of result in the NC (a,c) and CC (b,d) cases, between the dry and wet conditions.
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Figure 7. Comparison of result in the wet (a,b) and dry (c,d) condition, between the CC and NC cases.

4. Discussion

In this work, the forces and rotations acting on the hip joint during a complete gait cycle were
first evaluated by solving the inverse dynamic problem. These data agree with the walking cycle
variability [25], showing how the joint results more loaded during the stance phase than in the swing
phase, when there is almost no contact between the foot and the ground. Furthermore, the highest
loads is the axial (along the y axes) as expected and confirmed by a comparison with the standard
ISO 14242-1:2012 [36]. Afterwards, these loads and rotation were used as dynamical input in the finite
element model, obtaining the pressure distribution and the elastic deformation on each node of the
surface during the whole gait cycle. The stress state of the internal surface of the UHMWPE liner
reaches peaks of the order of 10 MPa, being in accordance with literature results [37–39]. Several
authors [36,40,41] used simplified hip kinematic and gait load, such as one-dimensional vertical load
or considered only the flexion/extension rotation [40], which does not represent actual physiological
loading, plus these studies rely on ISO standards at the expense of a flexible design. In this regard,
the original contribution of the study is the acquisition of stress and deformation distribution based
on a multibody model. This offers the possibility to apply a wide variety of gaits and to consider the
peculiarity of a specific class of patients, e.g., older or younger people. This could lead to the design of
prosthesis which account the requirement of a patient, by simply characterize his activity through the
multibody and finite elements model.

The comparison of the different working conditions allowed the conclusion that the presence of
radial clearance strongly influences the tensional state of the coupled surfaces. Whereas, for a complete
understanding of the lubrication influence on the tribology of hip implants the Reynolds equations
must be involved [42], as varying the coefficient of friction does not allow the establishment of a
sensible difference in results. In literature, the contact is usually assumed to be frictionless, justifying
this hypothesis with negligible variation in contact pressure distribution. However, the presence of a
frictional force has an influence to the location of the nominal contact point, as demonstrated by Mattei
and Di Puccio in [35].
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The reasons for the differences across the two geometrical conditions are ascribable to the different
tensional state of the surfaces. In the geometry without radial clearance a conformal contact is realized,
meaning that the contact is distributed along an area. On the other hand, when the radial clearance is
considered, the contact become non-conformal, which implies that the contact is limited to a small
area that increases its extension as the deformation rises. These differences in the area size led to the
distinction of the pressure values, shown in the previous paragraph. As stated by Teoh et al. [37]
the radial clearance plays a vital role in the wear process, finding that its extreme values (0.001 and
0.5 mm) led to the highest level of wear. In the study by Tudor et al. [43] the difference between the
conditions of small loads with high clearances is highlighted, where the contact pressure tends to a
Hertzian distribution, and high loads with small clearances, where the contact pressure tends to have
a hyperbolic distribution. Furthermore, concerning the influence of the frictional force, in the study
by Teoh et al. [37] they found that varying the friction coefficient between 0 and 0.3, only yielded a
slightly variance of the wear rate.

5. Conclusions

This work is meant as a first step forward to the simplified hip kinematic and gait load. In this
work we presented a dynamic load, derived by a multibody technique applied to a musculoskeletal
model, considering the variability of the load direction during gait movement.

The main conclusions of the study are:

• multibody technique applied to a musculoskeletal model was proven to be a valid instrument to
obtain a flexible design of implant, leading to the evaluation of load for a specific demanding task;

• load components and rotations match the variability between the stance and the swing phase of
the leg during the gait;

• highest values of pressure on the inner surface of the polyethylene insert are found near its
edge side;

• tensional state and elastic deformation are mainly influenced by the radial clearance rather than
the friction coefficient.

The results of the present work offer the possibility to extend, in further studies, the range of
kinematics and dynamics; an additional improvement could include lubrication to apply this set-up in
a realistic scenario.
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Nomenclature

THR Total Hip Replacement
AMS AnyBody Modelling System
FEA Finite Element Analysis
UHMWPE Ultra-High-Molecular-Polyethylene
G objective function
f(M) muscle forces
f(R) joint reaction
d vector of applied loads and inertia forces
N1 strength of the muscle
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Abstract: A biocompatible Ti-28Nb-35.4Zr alloy used as bone implant was fabricated through
the powder metallurgy process. The effects of mechanical milling and sintering temperatures
on the microstructure and mechanical properties were investigated systematically, before in vitro
biocompatibility of full dense Ti-28Nb-35.4Zr alloy was evaluated by cytotoxicity tests. The results
show that the mechanical milling and sintering temperatures have significantly effects on the density
and mechanical properties of the alloys. The relative density of the alloy fabricated by the atomized
powders at 1500 ◦C is only 83 ± 1.8%, while the relative density of the alloy fabricated by the
ball-milled powders can rapidly reach at 96.4 ± 1.3% at 1500 ◦C. When the temperature was increased
to 1550 ◦C, the alloy fabricated by ball-milled powders achieve full density (relative density is
98.1 ± 1.2%). The PM-fabricated Ti-28Nb-35.4Zr alloy by ball-milled powders at 1550 ◦C can achieve
a wide range of mechanical properties, with a compressive yield strength of 1058 ± 35.1 MPa, elastic
modulus of 50.8 ± 3.9 GPa, and hardness of 65.8 ± 1.5 HRA. The in vitro cytotoxicity test suggests
that the PM-fabricated Ti-28Nb-35.4Zr alloy by ball-milled powders at 1550 ◦C has no adverse effects
on MC3T3-E1 cells with cytotoxicity ranking of 0 grade, which is nearly close to ELI Ti-6Al-4V or CP
Ti. These properties and the net-shape manufacturability makes PM-fabricated Ti-28Nb-35.4Zr alloy
a low-cost, highly-biocompatible, Ti-based biomedical alloy.

Keywords: Ti-28Nb-35.4 alloy; powder metallurgy; ball milling; mechanical properties; biocompatibility

1. Introduction

Metallic biomaterials, which are the materials of choice for orthopedic implants, are fundamental
for improve the quality of life and longevity of human beings [1,2]. Many different metallic materials
have been used in a variety of applications in the medical field. Specifically, they are used for internal
support and biological tissue replacements such as joint replacement, dental roots, orthopedic fixation
and stents [3]. The common metals and alloys that are being utilized for biomedical applications
include: stainless steels, Co-based alloys, and Ti-based alloys. Ti-based alloys have dominated in the
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human hard tissue repair and dentistry fields due to high strength, low elastic modulus, and excellent
in vivo corrosion and biocompatibility [4]. However, despite their attractive performance, there are
still challenges facing their application in artificial joints [5]. These concerns are mainly related
to bio-toxicity, the need for lower elastic modulus and better mechanical strength. For instance,
Al elements in extra-low interstitial (ELI) Ti-6Al-4V (hereafter all compositions are given in wt %),
Ti-5Al-2.5Fe and Ti-6Al-7Nb [6–8], which is the most widely applied Ti alloy, are considered to
be related to some health-related problems, including Alzheimer disease and neuropathy [9,10].
In addition, the elastic modulus (~110 GPa) of these alloys is still considerably higher than those of
the cortical bones (~30 GPa), which results in severe ‘stress shielding’ for implantation failures [11,12].
Hence, considerable amount of effort has been exeerted to develop Al- and V-free lower-modulus
β-Ti alloys.

Notable examples include the United States Food and Drug Administration (FDA)-approved
proprietary alloys of Ti-13Nb-13Zr and Ti-12Mo-6Zr-2Fe and the non-proprietary alloy of Ti-15Mo.
In particular, Ti-Nb-Zr alloys have received significant attention due to their excellent mechanical
compatibility and biocompatibility [13–16]. The addition of Nb to Ti can stabilize the β phase and
results in improved mechanical properties, which also results in improved wear resistance and
corrosion resistance [17,18]. Furthermore, the addition of Zr helps in obtaining the solid solution
required for achieving the hardness [19,20]. In addition, as reported by references [21,22], the elastic
modulus in Ti-Nb and Ti-Zr alloys decreases with an increase in the content of the Nb and Zr within
certain limits. Based on these results, Wen et al. [23] designed the new Ti-Nb-Zr alloys using the
d-electron design method combined with the molybdenum equivalence (Moeq) and electron-to-atom
ratio (e/a) approaches. The results show that the alloys have an excellent combination of mechanical
properties and biocompatibility. However, at present these alloys are manufactured by the conventional
route (i.e., ingot metallurgy in addition to wrought processing and machining with up to 90% being
scrapped), which leads to a high manufacturing cost. Hence, in order to reduce costs and enhance the
utilization rate of materials, the powder metallurgy (PM) technique is introduced. PM is an advanced
net-shape technique which particularly suits to large volume production and can reduce processing
steps, hence reducing cost [24–27]. It has already been used to synthesize Ti-based alloys by many
researchers. For example, Sharma et al. [28] used a powder metallurgy route consisting of mechanical
alloys (MA) of the TiH2-Nb powder mixture and spark plasma sintering (SPS) to produce Ti-40
mass% Nb alloys. Jia et al. [29] successfully obtained the Ti-22Al-25Nb alloy by PM. Mendes et al. [30]
produced the alloy Ti-27Nb-13Zr with low Young’s modulus by PM using powders produced by the
hydride-dehydride (HDH) process.

In this study, the Ti-28Nb-35.4Zr alloy is fabricated by PM in order to obtain Ti-based alloy
with excellent mechanical compatibility and biocompatibility in addition to further reducing the
manufacturing cost. The effects of sintering temperatures and mechanical milling on density,
microstructure and mechanical properties are investigated systematically, before the in vitro
biocompatibility of the full dense Ti-28Nb-35.4Zr is evaluated preliminarily. We aimed to establish
a necessary understanding of the low-cost PM-fabricated Ti-28Nb-35.4Zr alloy for orthopedic
implant applications.

2. Experimental and Methods

2.1. Materials and Sample Preparation

Atomized Ti-28Nb-35.4Zr powders (purity ≥ 99.9%, 75 ≤ particle size ≤ 150 μm) was supplied
by the Wen group (RMIT University, Melbourne, Australia), who fabricated the powders using
continuous inert gas atomization without the crucible method. The atomized Ti-28Nb-35.4Zr powders
were subjected to ball milling for 30 min using a three-dimensional vibration ball milling machine
(HSVM, Nanjing Chishun Science and Technology Co., Ltd., Nanjing, China). The frequency of
the vibration ball milling machine was 1400 r/min, while the ball-to-powder weight ratio was 3:1.
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The materials of the balls and jars were stainless steel and GCr15 bearing steel, respectively. The milling
process was carried out in a high-purity argon atmosphere, with 2 wt % stearate used as the process
control agent (PCA). Atomized powder (AP) and ball-milled powder (BMP) were cold-pressed into
cylindrical compacts under 450 MPa. Then isothermal sintering was carried out in the argon (Ar)
protection environment and implemented in two steps. Specimens were initially heated to 1000 ◦C for
2 h at 5 ◦C/min, before being heated at 2 ◦C/min to six different temperatures between 1200 ◦C and
1550 ◦C for 2 h. This was followed by furnace cooling to room temperature to obtain samples.

2.2. Materials Characterization

The density was measured by the Archimedes method and the relative density was calculated by
the following formula:

Relative density = the density/the theoretical density (1)

where the theoretical density is 6.36 g/cm3. The hardness was carried out using the HDI-1875 Rockwell
hardness tester. Five points were measured, before the average value was calculated. X-ray diffraction
(XRD) was performed using a Dmax-RB X-ray diffractometer (Cu Kα, λ = 0.15406 nm, Rigaku, Tokyo,
Japan). A JSM-6510V (JEOL, Tokyo, Japan) scanning electron microscope (SEM) was used to analyze
the powder morphology of the received atomized powders and ball-milled powders and sintered
microstructure. Compression specimens with a gauge size (ϕ) of 3 mm × 5 mm were fabricated by
electric discharge machining and the specimen surface was polished with SiC papers. The compression
test was performed on an Instron machine (Instron, Boston, MA, USA) at the strain rate of 2 × 10−3 s−1

at room temperature. The compressive yield strength and elastic modulus were calculated from the
engineering stress strain curves.

2.3. In Vitro Biocompatibility Testing

Cytotoxicity tests were carried out with murine osteoblast cells (MC3T3-E1) to examine the
in vitro biocompatibility of the Ti-28Nb-35.4Zr alloy. For comparison, the cast ELI Ti-6Al-4V and
CP-Ti were studied simultaneously. The cells were cultured in Dulbecco’s modified Eagle’s medium
(DMEM, Shanghai solarbio Bioscience and Technology Co., Ltd., Shanghai, China) containing 10% fetal
bovine serum (FBS), 100 U/mL penicillin, and 100 μg/mL streptomycin at 37 ◦C under a humidified
atmosphere of air containing 5% CO2. The metal samples were cut into discs of 10 mm in diameter
and 1 mm in thickness via electric discharge machining, before the surface was polished with SiC
papers (grit 400 down to 5000). After this, the samples were cleaned ultrasonically and sterilized for
further use.

In the cytotoxicity test, the extracts were obtained based on the international standard ISO
10993-5 [31]. The cells were incubated by an extraction medium in 96-well plates at the density of
5000 cells per 100 μL. At the desired times (day 1, day 2 and day 3), cells were observed by the
optical microscope (LEXT OLS4000, Olympus, Tokyo, Japan), while the 10 μL MTT solution (Shanghai
solarbio Bioscience and Technology Co., Ltd., Shanghai, China) was added to each well and were
incubated for 4 h. After this, 100 μL of dimethyl sulfoxide (DMSO, Shanghai solarbio Bioscience and
Technology Co., Ltd., Shanghai, China) was added to each well, before being incubated for a further
5 min. The absorbance was recorded by a multimode detector on a Synergy HT (BioTek, Winooski,
VT, USA) at a wavelength of 570 nm. The cell viability ratio (CVR) was calculated by the formula
as follows:

CVR = (OD570nm in experimental extract/OD570nm in control extract) × 100% (2)

Based on the international standard ISO 10993-5 [31], the cytotoxic level was divided into
six groups: 0: ≥100%; I: 75–99%; II: 50–74%; III: 25–49%; IV: 1–24%; V: ≤1%. Cell viability ratio
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were analyzed using one-way analysis of variance (ANOVA, P < 0.05) followed by the Tukey honestly
significant difference (HSD) post-hoc test. P < 0.05 was considered to be statistically significant.

3. Results and Discussion

3.1. Raw Powder Characterization

Figure 1 depicts the representative SEM micrographs of atomized and ball-milled powders. It can
be seen that the atomized powders (Figure 1a) have a typical spherical shape. The particle size of
the powders varies from 30.2 to 160.5 μm with an average particles size of approximately 80.5 μm.
The morphology of the Ti-Nb-Zr particles after 30 min of ball milling is shown in Figure 1b. The particle
size of the ball-milled powders varies from 5.1 to 30.5 μm with an average particle size of approximately
15.2 μm. The shape of the powders becomes irregular, which makes further powder treatment easier
(green compaction) as irregular powder particles have higher compressibility and green strength [32].

 

Figure 1. SEM images (800×) of the powders: (a) Atomized powders; and (b) Ball-milled powders.

Figure 2 shows the XRD patterns of atomized and ball-milled powders. It can be seen that
atomized powders consist of a single β-Ti, while the ball-milled powders consist of β-Ti and TiO2.
TiO2 mainly emerges because there is some oxygen introduced during the process of ball milling.
In addition, compared with the atomized powders, the diffraction spectrums of the ball-milled powders
shows an obvious broadening and moves to low angle, which is associated with the reduction in grain
size, increase in lattice distortion and instrumental effects [33].
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Figure 2. XRD patterns of atomized and ball-milled powders.

3.2. As-Sintered Density

Figure 3 shows the variation in relative density of samples with respect to sintering temperatures
and powders. The relative density strongly depends on both sintering temperatures and powders.
For the atomized powder, with an increase in the sintering temperature the relative density of the
alloys increases gradually, but it is difficult to achieve a high relative density. The relative density of
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the alloy sintered at 1500 ◦C is only 83.1 ± 1.8%. Compared to the samples fabricated by atomized
powder, the relative density of the samples fabricated by milled powder at 1500 ◦C rapidly increases
to 96.4 ± 1.3%. When the sintering temperature increases to 1550 ◦C, the relative density of the alloy
reaches 98.1 ± 1.2%.
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Figure 3. Relative density of Ti-28Nb-35.4Zr alloy prepared with different sintering temperatures
and powders.

Figure 4 shows the optional images of Ti-28Nb-35.4Zr prepared with different sintering
temperatures and powders. As shown in Figure 4a–d, the porosity of the samples fabricated by
atomized powders decreases gradually with an increase in the sintering temperature. However, there
are many pores on the surface of the samples even when they are sintered at 1500 ◦C. As shown by
Figure 4e,f, the porosity of alloy prepared by milled powder reduces significantly, while the alloy
becomes close to full density when sintered at 1550 ◦C. This is mainly associated with the sintering
process of powder particles. After milling, the average particle sizes of the powders become smaller
and hence, the powders have a high interface energy, which makes the sintering neck form more easily.
Therefore, compared with the samples fabricated by atomized powder, the alloys prepared by milled
powders have a higher density and therefore higher relative density.

Figure 4. Optical images of Ti-28Nb-35.4Zr prepared with different sintering temperatures and raw
powders: (a) 1200 ◦C/AP; (b) 1300 ◦C/AP; (c) 1400 ◦C/AP; (d) 1500 ◦C/AP; (e) 1500 ◦C/BMP and
(f) 1550 ◦C/BMP.
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3.3. As-Sintered Microstructure

Figure 5 shows the XRD patterns of Ti-28Nb-35.4Zr alloy fabricated by different powders at
different sintering temperature. It can be seen that there is no significant difference of XRD patterns of
Ti-28Nb-35.4Zr alloy fabricated by different powders and sintering temperatures. The clear diffraction
peaks suggest that the samples all have similar phase compositions and mainly consist of single
β phases.
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Figure 5. XRD patterns of Ti-28Nb-35.4Zr alloy prepared with different temperatures and powders.

Figure 6 displays the SEM micrographs of Ti-28Nb-35.4Zr alloy samples sintered at different
temperatures with different powders, which was taken under 800× magnification. It can be seen that
some pores exist in the alloy fabricated by the atomized powder at 1500 ◦C and the original powder
particle boundaries can be observed clearly. However, the alloy prepared by milled powder at 1500 ◦C
has a few pores, while the alloy becomes nearly fully dense with no obvious pores when the sintering
temperature increases to 1550 ◦C. In addition, as shown in Figure 6b,c, the samples fabricated by the
milled powder show a similar microstructure, which is consistent with the XRD results. Both samples
consist of a single β phase and the average grain size is about 100 ± 10 μm.

Figure 6. SEM images (800×) of Ti-28Nb-35.4Zr alloy prepared with different sintering temperatures
and powders: (a) 1500 ◦C/AP; (b) 1500 ◦C/BMP and (c) 1550 ◦C/BMP.
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3.4. Room-Temperature Mechanical Properties

Figure 7 shows compressive engineering stress-strain curves of the Ti-28Nb-35.4Zr alloy fabricated
by different powders at different sintering temperatures. As shown in Figure 7, the alloys exhibit similar
stress–strain behavior and no fracture was observed during their compression process, demonstrating
that the alloys exhibit considerable elastic–plastic deformation ability. Compression tests were stopped
after reaching a strain value of about 50%.

0 5 10 15 20 25 30 35 40 45 50 55
0

500

1000

1500

2000

2500

3000

3500

4000
 
 
 

 

  

 1200 C / AP
 1300 C / AP
 1400 C / AP
 1500 C / AP
 1500 C / BMP
 1550 C / BMP

E
ng

in
ee

ri
ng

 st
rr

es
s /

 M
Pa

Engineering strain / %

  

Figure 7. Compressive stress–strain curves of Ti-28Nb-35.4Zr alloy prepared with different sintering
temperatures and powders.

The compressive yield strength, elastic modulus and hardness of Ti-28Nb-35.4Zr alloy fabricated
by different powders at different sintering temperatures are shown in Figure 8. The hardness,
compressive yield strength and elastic modulus of the Ti-28Nb-35.4Zr alloy fabricated atomized
powder generally increase with an increase in the sintering temperature, which were in the range of
27.3–39.2 HRA, 273–332 MPa and 15.6–24.0 GPa, respectively. Compared with the alloy fabricated
by the atomized powder, the mechanical properties of the alloy prepared by milled powder are
significantly improved. The hardness of the alloy sintered at 1550 ◦C reaches 65.8 ± 1.5 HRA (Figure 8a)
while the elastic modulus and compressive yield strength is 50.8 ± 3.9 GPa and 1058 ± 35.1 MPa
(Figure 8b), respectively. This is superior to the mechanical properties fabricated by the cold-crucible
levitation melting (compressive yield strength of 730 MPa [23]). The improvement in the compressive
yield strength of the BMP sintered samples stems from two reasons. The first reason is that there is some
oxygen introduced during the process of ball milling, which can also can be seen from the powders
XRD results for the powders. In addition, compared with the samples fabricated by cold-crucible
levitation melting, the PM-fabricated samples have smaller grains, uniform microstructure and less
defects, which can also improve the strength.
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Figure 8. Mechanical properties of Ti-28Nb-34.5Zr alloy prepared with different sintering temperatures
and powders: (a) Hardness; (b) Compressive elastic modulus and yield strength.

3.5. In Vitro Biocompatibility

In vitro biocompatibility of the Ti-28Nb-35.4Zr alloy sintered at 1550 ◦C by the milled powder
was evaluated by cell tests. The CVR was calculated by Equation (2). The control group has a CVR of
100%, which is accepted as a reference for determining the cell viability radio of samples [34]. Figure 9
shows the results of CVR using MC3T3-E1 cells grown in Ti-28Nb-35.4Zr alloy, ELI Ti-6Al-4V and
CP-Ti extracts for 1, 2 and 3 days. It can be seen that the average CVR value of all the experimental
alloys was above 99%. The Ti-28Nb-35.4Zr alloy exhibits a slightly higher average CVR value than ELI
Ti-6Al-4V while was similar to CP Ti. However there were no statistically significant differences among
them (P > 0.05). According to ISO 10993-5 [31], the cytotoxicity grade of Ti-28Nb-35.4Zr alloy and CP Ti
is 0–I grade while that of ELI Ti-6Al-4V is 0–I grade. Consequently, the PM-fabricated Ti-28Nb-35.4Zr
alloy shows good in vitro biocompatibility to MC3T3-E1 cells.
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Figure 9. MTT result of MC3T3-E1 cells cultured with extracts of Ti-28Nb-35.4Zr, CP Ti and
ELI Ti-6Al-4V.

Figure 10 displays the number and morphology of MC3T3-E1 cells cultured with extracts of
Ti-28Nb-35.4Zr ELI Ti-6Al-4V and CP-Ti for different periods (1 day, 2 days and 3 days). It can be
seen that the morphologies of all cells are similar for different periods. After a 1-day culture, cells are
basically adhered to the well and the shape is spindle. With a prolonged culture time, cells cultured by
different Ti alloys become denser and stretched, although there are no significantly changes in MTT.

 

Figure 10. The number and morphology of MC3T3-E1 cells cultured with extracts of Ti-28Nb-35.4Zr
((a): 24 h; (b): 48 h; (c): 72 h), CP Ti ((d): 24 h; (e): 48 h; (f): 72 h) and ELI Ti-6Al-4V ((g): 24 h; (h): 48 h;
(i): 72 h).
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The in vitro biocompatibility of an implant lies not only in the toxicity of its alloys elements, but
also in its corrosion resistance. Ti-Nb-Zr alloys are formed by the solid solutions of pure Ti, Nb and
Zr, and maintain a high corrosion resistance and low toxicity [35]. Further, the corrosion resistance
of Ti-Nb-Zr alloys is superior to that of CP Ti and ELI Ti-6Al-4V [36]. Spontaneously formed oxides,
made up of TiO2, Nb2O3 and Zr2O3, will provide a bio-inert layer in aggressive body fluids [37].
The enrichment of TiO2, Nb2O3 and Zr2O3 on the surface suppressed the dissolution of Ti, Zr and Nb
as ions. Hence, the Ti-28Nb-35.4Zr alloys show high cell viability during the MTT assays. Coupled
with the low elastic modulus, high compressive yield strength and net-shape manufacturability, it thus
suggests that PM-fabricated Ti-28Nb-35.4Zr alloy may hold promise for the development of next class
of low-cost, highly-biocompatible, Ti-based biomedical alloys.

4. Conclusions

(1) Ti-28Nb-35.4Zr alloy with a high relative density and uniform microstructure can be obtained
from milled powder via PM. After milling, the average particle sizes of powders was 15.2 μm,
and when sintered at 1550 ◦C, the relative density reaches 98.1 ± 1.2%. The alloy fabricated by
milled powders at 1550 ◦C is characterized by the single β phase.

(2) The alloys fabricated by the ball-milled powder at 1550 ◦C can achieve a high mechanical
properties with the compressive yield strength of 1058 ± 35.1 MPa, the elastic modulus of
50.8 ± 3.9 GP, and the hardness of 65.8 ± 1.5 HRA. This is superior to the mechanical properties
fabricated by the cold-crucible levitation melting technique.

(3) From in vitro cytotoxicity tests, the Ti-28Nb-35.4Zr alloy fabricated by milled powder at 1550 ◦C
has no adverse effects on cell proliferation, and the cytotoxicity level is ranked as 0 grade, which is
similar to the existing biomedical materials of CP Ti or ELI Ti-6Al-4V.

(4) Based on its demonstrated net-shape manufacturability by PM, high compressive yield strength,
low elastic modulus and excellent in vitro biocompatibility, the PM-fabricated Ti-28Nb-35.4Zr
can be considered as an attractive orthopedic implant alloy.
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Abstract: Given the long-term problem of polyethylene wear, medical interest in the new improved
cross-linked polyethylene (XLPE), with or without the adding of vitamin E, has risen. The main aim
of this study is to gain further insights into the mutual effects of radiation cross-linking and addition
of vitamin E on the wear performance of ultra-high-molecular-weight polyethylene (UHMWPE).
We tested four different batches of polyethylene (namely, a standard one, a vitamin E-stabilized,
and two cross-linked) in a hip joint simulator for five million cycles where bovine calf serum was used
as lubricant. The acetabular cups were then analyzed using a confocal profilometer to characterize
the surface topography. Moreover; the cups were analyzed by using Fourier Transformed Infrared
Spectroscopy and Differential Scanning Calorimetry in order to assess the chemical characteristics
of the pristine materials. Comparing the different cups’ configuration, mass loss was found to be
higher for standard polyethylene than for the other combinations. Mass loss negatively correlated to
the cross-link density of the polyethylenes. None of the tested formulations showed evidence
of oxidative degradation. We found no correlation between roughness parameters and wear.
Furthermore, we found significantly differences in the wear behavior of all the acetabular cups.
XLPEs exhibited lower weight loss, which has potential for reduced wear and decreased osteolysis.
However, surface topography revealed smoother surfaces of the standard and vitamin E stabilized
polyethylene than on the cross-linked samples. This observation suggests incipient crack generations
on the rough and scratched surfaces of the cross-linked polyethylene liners.

Keywords: vitamin-E stabilized PE; cross-linked PE; standard PE; hip simulator; FTIR analysis

1. Introduction

Ultra-high-molecular-weight polyethylene (UHMWPE) is a particular type of polyethylene (PE)
with an exceptionally high molecular mass. It is a unique polymer with outstanding properties,
in terms of chemical inertness, lubricity, impact, and abrasion resistance. Despite coming from
a family of polymers with an extremely simple chemical composition, consisting of only hydrogen
and carbon, UHMWPE shows a complex hierarchy of organizational structures at the molecular
and supermolecular length scales [1]. Besides the molecular mass, the microstructure of the
polymer also plays an important role in determining its physical, chemical, and mechanical
properties. UHMWPE, as most polyethylenes, is a semi-crystalline polymer, composed of at least
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two interpenetrating phases: a crystalline, ordered phase, and an amorphous disordered one,
possibly intercalated by a partially ordered interphase. Such a precise combination of chemical
structure, molecular mass, and microstructure is at the basis of the peculiar balance of high mechanical
properties and wear resistance that has made UHMWPE the material of choice in arthroplasty [2].

Thanks to its unique properties, UHMWPE is the most used material in hip joint replacement,
being the soft insert coupled with harder materials (typically ceramics and metals). Such coupling
shows very good tribological performances in terms of friction and wear [3,4]. Unfortunately,
oxidative degradation can decrease its mechanical properties, leading to debris production and
eventual osteolysis and implant loosening [5–7]. It is believed that wear of UHMWPE is to take
place via plastic deformation of the polymer, with molecular alignment in the direction of motion
that results in the formation of fine, drawn-out fibrils oriented parallel to each other. As a result of
this arrangement, the UHMWPE wear surface may strengthen along the direction of sliding, while it
weakens in the transverse direction [2]. Many efforts were done to improve the mechanical and
molecular characteristic of the UHMWPE, as by cross-linking its molecular chains or by doping
it with vitamin E [8]. Radiation cross-linking was demonstrated to improve the wear resistance
of UHMWPE. On the other hand, irradiated polyethylene has also shown an unacceptably low
oxidation stability [2]. As a consequence, stabilization strategies were developed in order to minimize
post-irradiation oxidative ageing. Basically, two different strategies were adopted: one involved
a thermal treatment of the polyethylene (re-melting or annealing), while the other included the addition
of an anti-oxidant stabilizer. Oral and co-workers [9], suggested that the re-melting of the polyethylene
reduces crystallinity and fatigue properties. Therefore, vitamin E was introduced to solve the oxidation
problem [10]. Some authors [11–13], suggest to incorporate vitamin E in UHMWPE through blending
the vitamin in the UHMWPE powder and then cross-link the blend through irradiation. With this
process, the presence of vitamin E should protect the radiation-cross-linked polymer from oxidation,
thus avoiding re-melting.

Preclinical evaluation of new biomaterials is necessary, and it could be considered as an
extension of the risk analysis [14,15]. The wear performance of these improved biomaterials is
often evaluated using hip joint simulators. Hip wear simulation tests are used since 40 years ago,
and they represent a powerful system to assess the improvement in wear resistance before clinical
use [16,17]. Some authors [18–20] observed a reduction in wear rate by the addition of vitamin E to
highly cross-linked UHMWPE compared to conventional UHMWPE. However, there is a trade-off
in determining the oxidation stability and the reduction in wear rate between the radiation dose
applied for cross-linking and the amount of vitamin E incorporated into the polymer. Affatato and
co-workers [21], using a hip joint simulator, found that the cross-linked polyethylene (XLPE) blended
with vitamin E wore more than XLPE and conventional UHMWPE.

Each potential innovation has been accompanied by a great deal of pre-clinical trials, performed by
researchers all over the world, often with very different methods and sometimes with contradictory
results. In this regard, to go more in depth in the wear and oxidation behavior of new formulations of
UHMWPE, we asked whether the addition of vitamin E on conventional UHMWPE could improve its
wear performance in comparison with highly cross-linked polyethylene.

2. Materials and Methods

2.1. Specimens Tested

Four different batches of UHMWPE acetabular cups (32 mm inner × 50 mm outer dimensions;
6 specimens for each batch) coupled with 32 mm cobalt–chromium–molybdenum (CoCrMo) femoral
heads have been investigated using a hip joint simulator. Three components of each batch run onto
the simulator following a standardized procedure [22], another three acetabular cups for each type
of material used were stored (non-loaded) in bovine calf serum to compensate for weight changes
due to fluid absorption. All polyethylenes tested in this study were machined from polymer bars
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Chirulen GUR 1020 (Polymax, Adler, Milan, Italy). Cross-linked acetabular cups were firstly γ-ray
irradiated with 50 and 75 kGy (±10%), then thermally treated at 150 ◦C (re-melted), in order to remove
free radicals formed during irradiation (hereinafter called XL-50 and XL-75). After these treatments,
the cups were machined to their final shape. Similarly, vitamin E-containing (0.1% mass), UHMWPE
acetabular cups (hereinafter called VE) were machined from a vitamin E-blended UHMWPE bars
(Polymax, Adler, Milan, Italy). The UHMWPE that not received any treatment were called standard
PE (STD). All the cups were then subjected to ethylene oxide sterilization (ETO). All polyethylene
acetabular cups were pre-soaked for four weeks in a bath of deionized water prior the wear tests.

2.2. Experimental Wear Details

Wear test was performed using a 12-station hip joint simulator (IORSynthe, Bologna, Italy) [9].
The test was carried out applying the kinematic inputs and outputs as recommended by ISO
14242-1:2012. The simulator utilizes hydraulic actuators to apply the cyclic vertical compressive loads
(oscillating between 300 and 3000 N). The lubricant used was 25 vol % newborn calf serum balanced
with distilled water, with 0.2% (mass) sodium azide in order to retard bacterial growth, and 20 mM
EDTA (ethylenediaminetetraacetic acid) to minimize precipitation of calcium phosphate. The mass
loss of the cups was determined every 0.5 million cycles (Mc) using a microbalance (Sartorius Cubis
Mse 225 S-000-DU, Goettingën, Germany) with a resolution of 0.01 mg and an uncertainty of 0.01 mg.
Before the weighting operation, the specimens were cleaned from dust and possible debris using
a dedicated detergent (Clean 70, Elma GmbH, Düsseldorf, Germany) in an ultrasonic bath maintained
at 40 ◦C for 10 min. After rinsing, the cups were put back in the ultrasonic bath with deionized water
for an additional 15 min. The cups were then dried with nitrogen gas. During any interruption of the
test (every 500 × 105 cycles), the cups were stored in a closed, dust-free container at 70% of relative
humidity. The test was re-started with fresh serum solution.

The test lasted five Mc, as recommended by the international guidelines [23], under environmental
temperature conditions. The wear trend was determined from the mass loss of each acetabular cup,
corrected by acetabular soak control. The wear rates, calculated from the steady-state slopes of the
mass loss versus number of cycles, were obtained using least squares linear regression. The mass loss
data were analyzed using a nonparametric Kruskall–Wallis (K–W) test; statistical significance was set
at p < 0.05.

2.3. Surface Topography Characterization

The topographic analyses were performed using a PLu Neox profilometer (Sensofar, Terrassa,
Spain), capable to gain three-dimensional images of a surface, operating either as confocal microscope
or as white light interferometer with a vertical resolution, declared by the manufacturer, of less than
0.1 nm. In this study, we selected the confocal lens of 20× magnifications, while the acquisition lengths
were adjusted to compensate the inner curvature of the surfaces. Such a non-contact instrument was
selected to measure the roughness of the polyethylene cups as optical techniques do not risk damaging
the surface under investigation. On the other hand, a traditional roughness profilometer can scratch
the surface of a soft material, such as the UHMWPE. The acquisition process followed an established
procedure [24], where the polyethylene liners were first cleaned from debris, as described for the wear
measurement, and—right before each acquisition—cleaned with ethanol and allowed to dry under
a controlled environment in ambient air. In Figure 1, a schematic representation of the acquisition
apparatus is shown.
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Figure 1. Schematic representation of the confocal apparatus for the topography acquisitions.

The topography characterization was realized on eight selected UHMWPE acetabular cups.
In particular, we analyzed the most worn acetabular cups for each configuration, plus the
corresponding check-control, to compare worn and unworn acetabular cups. The topographical
acquisitions were realized to gain qualitative information on the surface condition of the samples
after five Mc of test running. Furthermore, it was obtained a quantitative analysis in term of surface
roughness. To do so, a Gaussian filter was applied according to the international guidelines in ISO
4287:1997 [25]. A cut-off wavelength of 80 μm was selected along with an evaluation length of
400 μm—equivalent to 5 times the cut-off. The roughness parameters selected were Ra, Rq, Rz, and Rt.
Ra defines the absolute of the mean deviation of the irregularities from the mean line, over a sampling
length. Rq is the standard deviation of the distribution of surface heights. Rz is the difference in height
between the average of the five highest peaks and the five deepest valleys. Rt is the maximum height
of the profile, defined as the vertical distance between the highest peak and the lowest valley along the
measurement length.

2.4. FTIR Spectroscopy

All four different biomaterials were characterized by means of a Fourier Transformed Infrared
Spectroscopy (FTIR) Microscope (Spectrum Spotlight 300, Perkin-Elmer, Shelton, CT, USA). A series
of 180 μm thick slices was obtained from the cups cross section, using a PolyCuts Microtome
(Leica Microsystem, Wetzlar, Germany) at 10 mm/s in air at room temperature. Line-scan spectra
were collected on a 100 × 100 μm2 area (resolution 4 cm−1, 16 scans per spectrum), every 100 μm
along the mapping direction, starting from the articulating surface towards the bulk. All spectra were
normalized at 2020 cm−1 at an absorption of 0.05, corresponding to a film thickness of ca. 100 μm.
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The combination band at 2020 cm−1, associated with the twisting of CH2, was used as an internal
standard, since it can be regarded as unaffected by minor changes in the polymer structure. The molar
concentration of trans-vinylene double bonds was calculated from the 965 cm−1 absorption bands,
using the well-established molar absorptivity proposed by De Kock and Hol [26].

2.5. Determination of Cross-Link Density and Crystallinity

The cross-link density of each sample was quantified by gravimetric swelling. Small cylinders
with diameter of 5 mm and approximate weight of 15 mg were cut from the control cups and immersed
in 25 mL of xylene at 135 ◦C for 3 h to reach the equilibrium swelling. The initial weight and xylene
uptake were used to calculate the swell ratio and the cross-link density, using a validated protocol [21].

The crystallinity of the test samples was determined using a differential scanning calorimetry
(DSC 6-Perkin-Elmer, Waltham, MA, USA) at a heating rate of 10 ◦C/min. The sample weights
varied around 5 mg. The heat of fusion was calculated by integrating the DSC endotherm from 60 to
160 ◦C. The crystallinity was calculated by normalizing the heat of fusion to the heat of fusion of 100%
crystalline polyethylene (293 J/g) [27].

3. Results

All the polyethylene acetabular cups completed the planned five Mc. As showed in Figure 2,
where the different polyethylene liners are compared, a higher mass loss rate for the standard
polyethylene (STD) than for the other combinations was found. Close to this trend, the VE cups
have a slightly smaller wear rate.

Figure 2. Wear behavior for the different configurations of polyethylene tested.

The polyethylene named XL-75 maintained the lowest mass loss than the other configurations
during the whole test, as confirmed by the results of the post hoc test (Table 1). Statistical significant
differences were observed between XL-75 vs UHMWPE and VE (p = 0.015 and p = 0.02, respectively).
No statistically significant differences (p > 0.05) were observed between the other configurations of
polyethylene cups using the K-S statistical test (Table 1).
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3.1. Surface Topography Analysis

Surface topography of the samples is shown in Figures 3 and 4, where contour images for each
analyzed cup are presented. The different range of the height scales is influenced by the inner curvature
of the cups. In Figure 3, the image shows the inner surfaces of the soak cups, which did not undergo
wear simulation. The contours images of the topography present a similar pattern, typical of a clear
UHMWPE surface for hip implants. In fact, the polymer has a lamellar shape, characterized by fine
scratches, deriving from the polishing phase. Nevertheless, few long and transversal scratches are
visible all over the images.

Figure 3. Contour images of the topographies acquired on the inner surfaces of four non-loaded
specimens: (a) VE; (b) STD; (c) XL-75; (d) XL-50.

In Figure 4 are presented the contour topographies of the worn cups, after five million cycles
of wear test. The images highlight that the inner surface of the cups is mainly characterized by the
presence of grooves and scratches. In Figure 4a, a VE cup presents an almost smooth surface crossed
by long and fine scratches; no signs of depth wear nor delamination are visible. In Figure 4b the inner
surface of an STD cup is characterized by more frequent and larger grooves than on the VE. These paths
are crossed in different directions. Also, signs of delamination are found along the border of these
scratches. Figure 4c presents a worn area relative to a XL-75 cup. In this case, rough scratches are
visible along with a deep groove (on the right side) and a worn crater (left side). In Figure 4d is shown
a worn surface of a XL-50 cup, the surface presents many scratches in multiple directions and recurrent
signs of wear along the side of these lines. Further worn images on the different configurations of the
polyethylene tested, are shown in the supplementary section (Figure S1).

These qualitative analyses were combined with roughness measurements that are summarized
in Figure 5. Ra values are equal to 0.09, 0.10, 0.25, and 0.45 μm respectively for the VE, STD, XL-75
and XL-50 cups. Rq is 0.19, 0.13, 1.5, and 2.1 μm, respectively, for VE, STD, XL-75, and XL-50;
these values highlight how the deviation from the mean line is higher on the rougher surfaces of
the cross-linked polyethylene. Rz and Rt provide evidence of the presence of elevate peaks and
deep valleys along the measured profiles, and our analysis shows considerably higher values for the
cross-linked polyethylene than the standard and the vitaminized ones. The values of Rz are 0.48, 0.57,
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0.78, and 1.07 μm, respectively, for VE, STD, XL-75 and XL-50, whereas for the Rt parameters these are
1.69, 0.85, 22.7, and 30.7 μm, in the same order of correspondence.

Figure 4. First set of contour images of the topographies acquired on the worn inner surfaces of four
loaded specimens: (a) VE; (b) STD; (c) XL-75; (d) XL-50.

Figure 5. Roughness histograms of the worn surfaces on the mentioned cups. The parameters are Ra,
Rq, Rz, and Rt.
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3.2. FTIR Spectroscopy and Cross-Link Density Results

The physical–chemical characteristics of the control samples, resulting from FTIR, DSC,
and cross-link density measurements, are summarized in Table 2.

Table 2. Physical–chemical characteristics of the control samples, resulting from FTIR, DSC,
and cross-link density measurements.

Polyethylene Crystallinity (%) Trans-Vinylene (mmol/L) Cross-Link Density (mol/dm3)

STD 50.3 ± 0.9 - -
VE 51.2 ± 1.2 - -

XL-50 40.8 ± 1.0 5.2 0.132 ± 0.009
XL-75 35.5 ± 0.9 5.8 0.139 ± 0.010

Figure 6 shows the FTIR spectra of all materials. The VE sample spectrum does not show
any significant difference from that of virgin UHMWPE (STD). On the contrary, the spectra of
the irradiated samples show a decrease in the vinyl double bonds absorption at 909 cm−1 and the
appearance of an additional absorption at 965 cm−1, attributed to the formation of trans-vinylene
double bonds, whose concentration is constant along the cup section, and increases with the radiation
dose (see Table 2). No traces of oxidation products in the 1700 cm−1 area were observed in any of
the samples (not shown). No significant differences in crystallinity were found between the STD
and VE samples, while a significant decrease was observed in the crystallinity of the cross-linked
polyethylenes. The cross-link density (νd) was measurable on the irradiated samples only (XL-50 and
XL-75) and was found to increase as the radiation dose increases.

Figure 6. FTIR spectra of the investigated materials.

4. Discussion

The main purpose of this work was to characterize the wear performance of four different
polyethylenes coupled with CoCrMo femoral heads using a 12-stations hip joint simulator for five
million cycles. In particular, we asked whether the sole addition of vitamin E on conventional
UHMWPE could improve its wear performance in comparison with high cross-linked polyethylene.
We observed the highest wear rate on the STD polyethylene cups, followed closely by the VE,
whereas the wear rate of XL-50 and XL-75 were sensibly lower than the former, but close to
each other. In his research, McKellop et al. [6] found that the process of cross-linking highly
improved the wear resistance, and the wear rate decreased markedly with increasing radiation dose,
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reaching a reduction of the 87% for the cup irradiated at 9.5 Mrad compared to the one irradiated
at 3.3 Mrad. Affatato et al. [22] found that the wear of conventional UHMWPE was 40 times higher
than for cross-linked polyethylene (XLPE), testing these materials against femoral heads of CoCrMo
deliberately scratched.

The adding of vitamin E into the microstructure of conventional polyethylene used for hip
components should prevent oxidative degradation and reduce the incidence of fatigue crack,
confirming the results obtained by other authors [13]. The clinical consequence of the oxidation
is an increased wear rate, starting approximately between 2 and 10 years postoperative [28].

Trans-Vinylene groups are known to be formed in UHMWPE upon irradiation, and can be used
to assess the absorbed radiation dose [29]. The concentration of vinylene double bonds measured in
our irradiated samples increases with the irradiation dose, as expected. At the same time, vinyl groups,
normally present in virgin UHMWPE, are consumed as a consequence of irradiation, being involved
in the formation of Y-shaped cross-links, as shown in Figure 7 [30].

Figure 7. Mechanism of cross-linking of ultra-high-molecular-weight polyethylene (UHMWPE)
through consumption of vinyl double bonds.

Accordingly, the FTIR analysis of both irradiated samples demonstrates consumption of the vinyl
double bonds, while the cross-linking density measurements indicates that those samples have been
cross-linked as a consequence of irradiation. Since cross-linking is known to increase the abrasion
resistance, this explains the reduced wear, compared to the STD configuration, observed in the wear
test. Nevertheless, both XLPE samples showed a significant decrease in crystallinity, and this is known
to be correlated with a decrease in fatigue resistance, which creates concerns on their in vivo durability.

On the contrary, VE sample does not show any significant difference in the chemical and physical
characteristics, compared to STD UHMWPE, indicating that the addition of vitamin E, which is
intended as a stabilizer against oxidation, does not induce any modification to other properties.
This also explains the similar behavior observed between VE and STD in the wear test.

From the topographical analysis, a very similar surface pattern of the unworn surfaces of the
different polyethylene was found, verifying an almost equal initial condition for all of the cups that
underwent the in vitro wear simulation. On the contrary, the inner surface of the worn samples showed
large differences, both in terms of qualitative observation and in terms of rigorous measurement of
the roughness. The contour images of the cross-linked polyethylene presented a more rough surface,
with many signs of delamination and incipient cracks, which are symptoms of the fatigue wear
phenomena [31]. On the other side, the non-cross-linked polyethylene presented a smoother surface
than the XL ones, which suggests an abrasive wear occurrence that lead to a setting-in phase of the
non-cross-linked polyethylene surfaces to the CoCrMo counterbody.
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The roughness analysis emphasized these differences in the wear behavior of the polyethylene
cups. In fact, higher roughness values on the cross-linked cups than on the standard and vitaminized
ones were found. As grooves and scratches are assessed as origin points for surface-initiated
micro-cracks, a high roughness value can be an indicator of the fatigue wear mechanism. As expressed
in literature, cross-linking affects the compression and tension fatigue of the UHMWPE. Baker et al. [32]
found growth of fatigue cracks under fully compressive cyclic loading in notched samples of UHMWPE.
Cole et al. [33], in their experimental investigation on the fracture toughness and fatigue-crack
resistance of two kinds of molded UHMWPE, found that “gamma irradiation decreased each material’s
resistance to fatigue-crack growth, and that the decreases were greater with increased irradiation
dose”.

5. Conclusions

All the acetabular cups studied in this work showed significant differences with respect to their
wear behavior. Lower weight loss was exhibit by the XLPEs, which has potential for reduced wear and
decreased osteolysis. The amount of weight loss after five million cycles in a hip joint wear simulator
did not correlate with the roughness parameters, while cross-link density is strongly correlated with
the wear resistance of UHMWPE. Nevertheless, the sensible higher presence of grooves and scratches
on the cross-linked surfaces than on the standard ones is believed to be a plausible cause of fatigue
wear. This, with the continuous cyclical compression of the element, could lead to an increased wear
rate after elevate amount of working cycles.

Little is known or understood about the relationship between particle debris from PE wear and
the biological response leading to osteolysis, and less is known about the role of cross-linking [12,28].
The promise of improved clinical performance in respect to osteolysis is a matter to be determined by
long-term (>10 years) clinical follow-up studies. An increased understanding of the related biological
processes and osteolysis is needed to provide the ability to better evaluate the STD, XLPEs, and VE
performance in vivo.

Supplementary Materials: The following are available online at http://www.mdpi.com/1996-1944/11/3/433/s1,
Figure S1: Supplementary figure with a second set of contour images of the topographies acquired on the worn
inner surfaces of four loaded specimens: a VE; b STD; c XL-75; d XL-50. The observations are very similar to the
ones described for Figure 4.
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Abstract: Bioceramics have frequent use in functional restoration of hard tissues to improve human
well-being. Additive manufacturing (AM) also known as 3D printing is an innovative material
processing technique extensively applied to produce bioceramic parts or scaffolds in a layered
perspicacious manner. Moreover, the applications of additive manufacturing in bioceramics have the
capability to reliably fabricate the commercialized scaffolds tailored for practical clinical applications,
and the potential to survive in the new era of effective hard tissue fabrication. The similarity of the
materials with human bone histomorphometry makes them conducive to use in hard tissue engineering
scheme. The key objective of this manuscript is to explore the applications of bioceramics-based AM
in bone tissue engineering. Furthermore, the article comprehensively and categorically summarizes
some novel bioceramics based AM techniques for the restoration of bones. At prior stages of this
article, different ceramics processing AM techniques have been categorized, subsequently, processing
of frequently used materials for bone implants and complexities associated with these materials have
been elaborated. At the end, some novel applications of bioceramics in orthopedic implants and
some future directions are also highlighted to explore it further. This review article will help the new
researchers to understand the basic mechanism and current challenges in neophyte techniques and
the applications of bioceramics in the orthopedic prosthesis.

Keywords: bioceramics; additive manufacturing; scaffolds; bone tissue engineering

1. Introduction

Additive manufacturing or 3D printing has got attention in scaffold design and manufacturing
for tissue engineering applications. Initially, this technique was developed by Sachs et al., to create the
ink-jet freestyle printing towards the latter part of the 20th century [1]. Later on, it was extended in
tailoring the perfect scaffolds on its user-friendly capabilities, which considered the transformation of
computer aided design (CAD) information to a rapid and reliable production line of constructs with
the coveted material, porosity, and measurements [2,3]. Moreover, it showed a time and cost-efficient
potential coupled with interconnected structures, specifically hard tissue deformity regeneration.

Recently, clinical preliminaries and contextual analyses revealed its resounding accomplishments
in the field of orthopedic bioengineering. While this procedure has shown significant potential, specific
difficulties tend to enhance patient-particular scaffolds for standard acknowledgment in regenerative
medicine [4–6].

During the past few decades, many advanced biomaterials were introduced in the biomedical
field including different ceramic materials for the skeletal repair and reconstruction. These materials
in the field of medical implants are often referred to as “bioceramics” [7]. Bioceramics are peculiar
in nature due to their exceptional biological and osteoinduction properties. These materials are
specific for scaffolds due to capability to create propagation, self-adhesion, distinction and bone
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tissues regeneration [8]. Furthermore, excellent chemical and mechanical properties such as better
osteoconductivity, superior wear resistant and biocompatibility enabled them as a substitute for bone
restoration, [9,10]. It can anticipate that bioceramics have a future due to increasing bone replacement
operation per year due to increasing aging population [11].

The clinical importance of AM ceramic scaffold design and implantation envelops an invaluable
method for quick and reliable production of hard tissue substitution replica of the biological context of
natural bone [12]. In view of the way that customized scaffold can be prepared that suits an individual
patient’s skeletal imperfection, layer-by-layer sintering is regarded as a lucrative discipline for the
utilization of ceramic-based bone substitutes in regenerative medicine [13]. Besides, utilizing AM
ceramic scaffolds as medication conveyance systems, it is becoming more attractive and relevant to the
bioengineering environment [14–16].

This article is divided into six sections; Section 1 details the bioceramics potential, Section 2 offers
an overview of the AM techniques used to fabricate ceramic parts. Section 3 presents achievements
in the production of hydroxyapatite (HA); Section 4 depicts about tricalcium phosphate (TCP) and
Section 5 describes about bioactive glass (BG) using different AM techniques. Section 6 concludes some
important findings with some current challenges and future opportunities in this field.

2. Additive Manufacturing Technologies to Produce Ceramic Parts

Additive manufacturing has been classified into two major classes such as acellular and cellular
techniques for biomaterials. The cellular category includes the printing of live cells, while the acellular
category does not consider any type of live cells in printing. Figure 1 shows different acellular AM
techniques for biomaterials that have been classified as per recommendations of American Society for
Testing of Materials (ASTM) [17]. The major AM techniques employed in the processing of bioceramics
have been discussed in the following section.

 

Figure 1. Different types of acellular techniques for biomaterials additive manufacturing (AM).

2.1. Binder Jetting

Binder jetting technique was developed in the early 1990s at Massachusetts Institute of Technology
(MIT) [18]. Figure 2 depicts the schematic of binder jetting. In this technique, the binder is selectively
used from powder bed to create 3D objects. Binder jetting is a valuable technique for printing powder
materials [19,20]. The particle size of the powder has a key influence on powder flowability in
binder jetting.
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Figure 2. Schematic diagram of binder jetting mechanism [18].

For dry binder jetting, large size particles are preferred due to its outstanding flowability and
less surface area. The powder size not only affects the flowability but also significantly affects the
quality of the final product. Numerous researchers have reported less surface roughness using fine
powder in the binder jetting. The effect of the powder shape is less, as compared to the powder size.
However, spherical shape powders have better flowability and lesser friction compared to faceted
powders [21–23].

2.2. Direct Energy Deposition (DED)

Direct energy deposition-based AM techniques uses energy into a small region to simultaneously
deposit, melt and solidify the material such as wire or powder [24]. The direct energy source can be
electrical, or laser beam can be used to melt the metal, ceramics or composite materials. Laser assisted
Direct Deposition techniques such as laser cladding, laser engineered net shaping (LENS™), and laser
melt injection are common examples of this technique.

In ceramic Direct Energy Deposition (DED), the printing head of the apparatus contains a nozzle
that feeds ceramic powder particles to the focal point of the laser beam. The ceramic powder melts and
solidifies in layer-wise fashion on a substrate [25]. Figure 3 is the schematic illustration of LENS [26].

The major advantages of DED are better compatibility with a wide range of biomaterial viscosities,
higher resolution and greater cell density that provide higher control of cell-to-cell adhesions [27].
Besides these advantages, DED has many challenges such as, low speed, cost, high complexity and
limited capability to manufacture heterogeneous tissue parts [28]. Due to these challenges, the usage
of DED is very limited as compared to other AM techniques particularly in bone tissue engineering.
The DED technology needs more research to enhance its productivity.
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Figure 3. Typical Schematic representation of laser engineered net shaping (LENS) [26].

2.3. Material Extrusion and Jetting

Extrusion assisted additive manufacturing deposits a continuous layer by layer deposition of
ceramic loaded paste to create 3D objects. Various terms are used to refer to this technology for instance,
Fused Deposition of Ceramics (FDC), Robocasting, Extrusion Freeform Fabrication (EFF), Direct Ink
Writing (DIW), Slurry Deposition, and Dispense Plotting [29].

In Fused Deposition, dense ceramic particles (up to 60 vol%) are spread into a wax or thermoplastic
filament after which the flexible filament is partly melted and extruded from a moving deposition
head onto a fixed worktable layer-by-layer. However, in robocasting, ceramic slurry is ejected from a
precise nozzle to form a filament that is directly deposited in a designed pattern to create complex 3D
objects in a layer-by-layer fashion [30].

In another research work, an indirect Fused Deposition Modeling (FDM) method was applied
to prepare ceramic parts. At the preliminary stage, FDM was used to prepare a honeycomb shaped
polymer structural mold. Secondly, the ceramic slurry was permeated into the polymer mold-sintering
to remove the mold. The porous ceramics made a correct pore size and porosity through this
technique [31].

Another technique named Extrusion-based bioprinting has also a greater potential in perspective
of deposition and printing speed compared to other AM techniques. This technique is also beneficial to
achieve better scalability in a shorter time [32], wide range flexibility of bioinks selection [33]. This is
because developing new bioinks is a critical procedure for quick, sustainable and safe delivery of
cells in a biomimetic microenvironment [32]. Besides many advantages, some complexities are also
associated with this technology such as low resolution and shear stress effect on cells. The schematic of
the process with part microstructure was shown in Figure 4.

The material jetting techniques are the “AM processes in which droplets of build material are
selectively deposited” [17], that can be used to manufacture different kinds of ceramic parts. Inkjet
3D printing technology was among the first material jetting AM techniques that were employed for
additive manufacturing of ceramic parts. It was developed by Sachs et al. in 1992 at MIT and defined
as a process for the manufacturing of ceramic casting cores and shells using inkjet 3D printing [1].
Figure 5 shows the Schematic of ink-jet 3D printing [34].
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Figure 4. (A) Schematic of indirect Fused Deposition Modeling (FDM) processing of ceramic parts
(B) Straight channels (C) Top view of sintered porous ceramic part [31].

 

Figure 5. Schematic diagram depicts the basic working principle of ink-jet 3D printing [34].

2.4. Powder Bed Fusion

Powder bed fusion (PBF) technologies are among pioneer commercially used AM techniques
created by the University of Texas USA. Selective laser sintering (SLS) based PBF technique [18], which
melts the ceramic powder by laser energy source. The laser sintered the powder nearly to the melting
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point of the material to make each layer according to the given 3D design. The laser beam scans each
new single layer of free-packed powder particles and consolidates them by sintering this process
and proceeds in a layer-wise fashion to complete the final 3D object [35–37]. SLS is a powder bed
fusion process have numerous applications in the bioengineering field such as to prepare customized
products, biomedical implants as well as orthopedic implants [38]. The major disadvantage of SLS is
the usage of higher temperatures that limits the insertion of biomaterial and cells into SLS scaffolds
during the manufacturing process [39]. A schematic diagram illustrates the underlying operating
system [40] of the powder bed fusion provided in Figure 6. While SLS technology is amended, the PBF
method to increase machine efficiency.

 
Figure 6. Schematic showing the working principle of powder bed fusion technique [40].

2.5. Vat Polymerization (SLA)

Vat Polymerization also known as stereolithography (SLA) is a promising AM technique to fabricate
tissue scaffolds in the field of regenerative medicine. The SLA technique has exceptional control
over porosity of scaffolds, pore sizes, design flexibility, and interconnectivity [41]. Despite excellent
advantages, numerous researchers have highlighted several challenges in scaffold manufacturing such
as, difficult in creating micron-sized scaffold due to over curing and layer thickness. In addition, some
of the frequently used biomaterials in bone tissue engineering have shown compatibility with SLA due
to limitations in viscosity, refractive index and stability [42].

Some other problems such as some SLA processes light pixels restrict in-plane microstructure
construction. Although indirect SLA have overcome this problem, it is a costly, time and material
consuming process [43]. Li et al. have used indirect stereolithography to manufacture microporous
β-TCP. The resin molds were prepared through this technique and filled with filled with aqueous
thermosetting ceramic suspension for ceramic gel casting. The heat treatment process was used to
remove the molds. Results have concluded that TCP scaffolds after sintering have shown desired
porosity, shape and higher strength were obtained [44].

Some other researchers have mentioned preparation of 3D objects by photo-curing a liquid resin
through ultraviolet (UV) laser in a layerwise fashion [45,46]. The major advantage of this process
includes better surface finish and accuracy [47]. A schematic of three different light sources used in
stereolithography provided in Figure 7 [18]. Table 1 summarizing some basic bioprinting techniques
for bone tissue engineering.
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Figure 7. Schematic diagrams of three different techniques of photopolymerization [18].

Table 1. Summary of major 3D-bioprinting techniques for bone tissue engineering.

Technique Principle Advantages Drawbacks

Inkjet

A liquid binding
material is selectively

deposited in layer-wise
fashion into the powder

bed to create three
dimensional objects.

Ability to print
biomaterials with low

viscosity, high resolution,
fast manufacturing

speed, low cast

Intrinsic inability to
deliver a continuous

flow, low cell densities,
lack of functionality for

vertical objects

Extrusion

This process involves
extruding the material in
viscous form to create 3D

objects

Capability to print
variety of biomaterials,

Capable of printing high
cell densities

Applicable to viscous
liquids only

Laser-assisted

In this technique, a laser
beam stimulates a

specified area of target to
fabricate 3D objects

High resolution, capable
of printing both solid

and liquid phase
biomaterials

High cost, low speed,
high complexity, thermal

damage due laser
irritation

Stereolithography (SLA)

In this method an
ultraviolet (UV) laser

beam selectively hardens
the photo-polymer resin
to construct 3D models

in layer-wise fashion

Nozzle free method, high
cell viability, high

accuracy, Printing time
independent of

complexity, high cell
viability, high accuracy

UV light can cause
toxicity to cells, during

photo curing damage to
cells, Applicable to

photopolymers only
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3. Additive Manufacturing of Bioceramics

In the last few decades, bioceramics have frequently been used in the restoration and replacements
of injured tissues due to numerous advantages such as precise chemical composition, which has a
vital role in the integration of hard and soft tissues [48,49]. Hydroxyapatite (HA) Ca10(PO4) 6(OH)2 is
one bioceramic to have frequently been employed as a scaffold material for bone tissue engineering
owing to its exceptional biocompatibility and resemblance to natural bone material [50–52]. It is often
combined with a biopolymer or bioceramics to enhance binding interaction and mechanical properties
of the material during the AM process [53,54].

Beta tri-calcium phosphate (β-TCP) is a suitable material for craniofacial defects owing to its
excellent biodegradability, wear resistance and chemical bonding with the bone tissues under all load
bearing conditions [55,56]. The critical challenge for β-TCP is to maintain the sintering temperature of
1100 ◦C. Above this temperature, beta tri-calcium phosphate (β-TCP) transforms to alpha tri-calcium
phosphate (α-TCP) that is soluble and chemically unstable, as compared to β-TCP [57,58].

In addition, bioglasses are also extensively used in hard tissue implants due to their excellent
bonding capability with hard and soft both tissues. Bioglasess are also extremely helpful in upregulating
the osteogenesis, however, their application in load bearing bone defects are very limited due to their
high brittleness, low fracture toughness and mechanical strength [59–61]. Properties of some frequently
used ceramic material for bone tissue engineering illustrated in Table 2.

Table 2. A brief review of ceramic materials and its properties used in 3D printing of Scaffolds.

Materials Precursors Properties

Hydroxyapatite (HA)
Poly (acrylic acid), photo-curable

resin, polycaprolactone, poly
(lactic acid) etc.

Higher biocompatibility,
differentiation and proliferation, better

cell adhesion

Tricalcium Phosphate (TCP)
Hydroxypropyl methylcellulose,

polyethylenimine,
polymethacrylate, etc.

In physiological environment better
biocompatibility and degradation,

lower compressive strength

Bioactive glasses alkali-free
bioactive glass, 45S5 BG,13-93

bioactive glass, 6P53B glass

Polycaprolactone, methylcellulose,
poly (lactic acid)

Improved bioactivity in vitro and
in vivo for the bone tissue growth

The key factor affecting the performance of bioceramics is Ca to P ratio that affects the dissolution
property. Calcium phosphates with lower Ca to P ratio (β-TCP) have higher solubility and acidic
nature as compared to calcium-phosphate having high Ca to P ratio (HA) [62]. Table 3 shows that
lower the Ca/P ratio higher the CaP dissolution [63]. Different bioceramics have been discussed in the
following section such as hydroxyapatite, beta tri-calcium phosphate (β-TCP) and bioactive glass (BG)
using different AM techniques. Figure 8 [64] shows complete process of bone tissue engineering.

Table 3. Characteristics of main CaPs used as bone substitutes and cements [63].

Name Formula Ca/P Ratio Water Solubility at 25 ◦C, g/L

Monocalcium Phosphate
Monohydrate (MCPM) Ca(H2PO4)2, H2O 0.50 ∼18

Anhydrous (MCPA) Ca(H2PO4)2 ∼17

Dicalcium phosphate
Dihydrate (DCPD) CaHPO4, H2O 1.00 ∼0.088
Anhydrous (DCPA) CaHP4 ∼0.048

Tricalcium Phosphate
Alpha α-TCP (α) Ca3(PO4)2 1.50 ∼0.0025
Beta β-TCP (β) Ca3(PO4)2 ∼0.0005

Hydroxyapatite (HA) Ca5(PO4)3OH 1.67 ∼0.0003
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Figure 8. Schematic representation of bone tissue engineering [64].

3.1. Hydroxyapatite (HA)

Hydroxyapatite (HA) portrayed as Ca10(PO4) 6(OH)2, encompasses almost 65% of the entire bone
mass. It is less toxic and more stable, as compared to other calcium-phosphate due to their desirable
Ca to P ratio of 1.67. The hydroxyapatite has major inorganic part of human bone and teeth to develop
the properties and novel applications of bioceramics for hard tissue replacements [65–68]. Numerous
researchers have reported HA scaffolds in the bone and teeth transplants [69–77].

Laser Stereolithography has been identified as one of the most effective and frequently used
AM techniques to produce complex HA parts. Barry et al. have prepared HA-based oligocarbonate
dimethacrylate (OCM-2) composite scaffolds using helium-cadmium (HeCd) based laser technology.
The outcomes referred the laser-based HA scaffolds provided fortified cell attachment inside the
scaffold. Through laser machining, toxic leftovers were removed effectively through supercritical
carbon dioxide (scCO2) to make scaffolds biocompatible. The HA based composite materials treated
by scCO2 showed better attachment of cells in both vivo and vitro studies [78]. In a very recent
study, a bio-ink was prepared for 3D printing by dispersing two different types of hydroxyapatites,
nano hydroxyapatite (nHA) and deproteinized bovine bone (DBB) into collagen. Thereby, a porous
structure was created by 3D printing. The chemical and physical properties of the materials, including
biocompatibility and effect on the osteogenic differentiation of the human bone marrow-derived
mesenchyme stem cells (hBMSCs) were investigated. Both nHA/CoL and DBB/CoL Bio-inks were used
to print biomimic 3D scaffolds effectively. The outcomes from this study showed that the two types
of hydroxyapatite composites which help hBMSCs proliferation and differentiation proved to be a
promising candidate for a 3D scaffold bio-ink [79].

Woeszn et al. fabricated microporous HA scaffolds having a pore size of 450 μm through
stereolithography coupled with ceramic gelcating. A photosensitive liquid resin filled with water
based thermosetting slurry was used in the mold. The mold resin and sintering were burnt to achieve
the desired features. The final Scaffolds were seeded on MC3T3-E1 cells for 14 days under deep
penetration of cells to achieve outstanding osteogenesis as shown in Figure 9 [80].
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Figure 9. (a) Computer aided design (CAD) designed virtual structure of casting mold; (b) Resin
casting molds manufactured by stereolithography and sintered hydroxyapatite (HA) structures; (c) SEM
image of HA scaffold after culturing with MC3T3-E1 cells for 2 weeks, scaffold is visible in (dark grey)
and cells (blue); (d) SEM image of strut of HA scaffold (grey), entirely attached with cells (blue/pink);
(e) SEM image of microstructure of a crack between two struts, which was totally covered by MC3T3
cells (blue) and matrix created by the cells(pink); (f) SEM images of collagen produced by the cells (the
microtome sectioning eliminates the mineral scaffold) [80].

The AM based extrusion process is also very common to manufacture HA scaffolds. The robocasting
based extrusion process contains ceramic ink in the form of water-based viscous slurry deposited on a
robotic nozzle in layer-wise fashion based on computer-aided design. The process contains high loading
of HA particles to minimize the cracks and distortion during sintering. Saiz et al. have fabricated
HA scaffolds with controlled pore sizes through robocasting extrusion to find the optimum sintering
temperature. The hydroxyapatite slurry was prepared by mixing 40–50 vol.% of HA powder in distilled
water, 1.5 wt% of Darvan C dispersant, (∼7 mg/mL of solution) hydroxypropyl methylcellulose, an
adequate amoqunt of polyethyleneimine (PEI) and at the end HNO3 or HN4OH to balance the pH
level of the slurry. Results concluded that porous HA scaffolds manufactured with robocasting showed
the sintering temperature should remain between 1100 ◦C∼1200 ◦C and no phase change was observed
for firing 1300 ◦C for 3 h. The characteristics of printed scaffolds through this technique have been
presented in Figure 10 [81].

Keriquel et al. have successfully printed the nano-HA scaffold in the mouse calvaria defect
model in vivo using laser-assisted additive manufacturing. The printed cells showed the existence of
vivacious blood vessels after bone defect treatment. The outcomes of this study demonstrated that
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laser-assisted bioprinting have perfectly treated bone defects. Through literature numerous authors
have mentioned potential of this technology could offer new perspectives to additive manufacturing
for the practical applications of bone tissue engineering [82].

Figure 10. (a) Graphical representation of methods used in the manufacturing of porous ceramic
scaffolds (b) Microstructure of HA scaffolds fabricated by robocasting (c) SEM micrograph and XRD of
HA powders used in this process [81].

3.2. Tricalcium Phosphate (TCP)

Since the last two decades, beta tri-calcium phosphate (β-TCP) ceramic-based scaffolds
have clinically accepted the bone graft replacement materials in several orthopedic and dental
applications [83–89]. The TCP contains α, α′ and β′ phases and Ca to P ratio is about 1.5. Cao et al.
manufactured sphingosine 1-phosphate (S1P) coated β-TCP scaffold. Immunoregulation capability
was tested on macrophages and rat bone marrow stromal cells of the coated scaffold was used to test
osteogenic capability. The scaffold exhibit improved osteogenesis, better cell compatibility and also
helpful to regulate the immune response as compared to traditionally manufactured scaffold. Figure 11
is the representation of 3D printed scaffold and its cell viability [90].

Bian et al. introduced a novel stereolithographic method to produce osteochondral beta-tricalcium
phosphate/collagen scaffold. This bio-inspired scaffold manufactured by a combination of ceramic
stereolithography (CSL) and gel casting using (β-TCP) and type-I collagen. Histological examination
was performed to investigate the morphological properties between cartilage and bone. The obtained
information from this examination were used to design biomimetic biphasic scaffolds. The pores size
of β-TCP scaffolds varied between 700–900 μm with 50–65% porosity and compressive strength of
12 MPa. Physical locking formed by biomimetic transitional structure was used to achieve an adequate
binding force among cartilage phase and a ceramic phase. The results concluded that CSL performed
well in comparison with traditional techniques to get an ideal scaffold for bone tissue engineering
applications [91].
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Figure 11. (a–c) Illustrates the schematic of 3D printed scaffold. (d) showing that there is no noticeable
difference on viability of bone marrow-derived mesenchyme stem cells (BMSC) cells on additively
manufactured scaffolds coated with S1P among the control group (S1P 0 mM) and other groups after
3 days. (e) S1P 0 mM group, (f) S1P 0.05 mM group, (g) S1P 0.5 mM group. Dyed blue area representing
the cell nuclei and green area showing cytoskeletons. Edge of filaments showed by dotted lines [90].

In a recent study, Bose et al. have investigated the effect of Fe3+ and Si4+ dopants on the
bio-mechanical properties of 3D printed β-TCP scaffold in a rat distal-femur for the period of 4, 8 and
12 weeks. The scaffold was fabricated by binder jetting technique using synthesized β-TCP powder.
The outcomes from this analysis demonstrated that the addition of Fe3+ to TCP scaffold speed up the
early stage bone restoration boosting type I collagen production. Si4+ doped TCP scaffold showed
neovascularization after 12 weeks as shown in Figure 12. The finding from this study proved that
ceramic powder-based scaffolds with improved chemistry has a promising future in bone defect
restoration [92]. Tarafder et al. manufactured β-TCP scaffolds with 27%, 35% and 41% designed
macroporosity with pore sizes of 500 μm, 75 μm and 1000 μm, respectively by 3D printing method.
After that the scaffolds were sintered at the temperature of 1150 ◦C to 1200 ◦C in conventional and
microwave furnaces to achieve mechanical strength. Microwave sintering heated scaffolds showed
higher mechanical strength, as compared to conventional sintering.
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Figure 12. (a) Osteoid formation in pure and doped tricalcium phosphate (TCP) scaffolds after Modified
Masson-Goldner trichrome staining after 4, 8, and 12 weeks. Black: prosthesis, orange and red:
osteoid, bluish green: mineralized bone. Reddish-orange colors indicated by arrows showing new
bone formation. Fe doping showed more bone mineralization as compared to others. (b) Histomorphic
analysis showed Fe-Si doped TCP boosted initial stage osteoid formation for the period of 8 weeks and
Fe doped TCP shows better mineralization of bone for 12 weeks of implantation [92].
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The pore size was examined by Human osteoblast cells. This study showed that a decline in
pore size from 1000 to 750 and 500 μm has increased the cell density. Histomorphology tests in
femoral defects of Sprague-Dawley rats revealed that the existence of both micro and macro pores
accelerated the new bone construction. It was concluded that additive manufactured TCP scaffolds
have outstanding potential in hard tissue engineering applications [93].

3.3. Bioactive Glass (BG)

Bioactive glasses (BG) are the type of bioceramics that exist in both nonporous and solid forms.
The bio glass contains silicon dioxide, sodium oxide, calcium oxide and phosphorous. Different types
of bioglass have been created by varying the vol.% of these components [94]. Silicate part plays have
an essential role in the biocompatibility of bioactive glasses. The bio glass with 45–52 vol.% silicate has
ideal bone-graft bonding [95]. The 45S5-bioglass is a well-known commercially available extensively
used in bone replacement [96]. However, bioglasses have also some limitations due to poor mechanical
properties and brittleness that makes them unsuitable for load-bearing applications, internally brittle
and deficient mechanical strength. However, several researchers have reported different additives,
such as metal, polymer and ceramic to enhance the mechanical properties [97–101].

Recently, Nommeots-Nomn et al. robocasted bioglass scaffolds with a 150 μm interconnected pore
size (41–43% porosity) and measured compressive strengths were 32–48 MPa. The network connectivity
(NC) of these scaffolds is like the 45S5 bioglass. In this process, ICIE16 and PSrBG compositions were
used comprising < 50 mol% SiO2 to maintain the amorphous structure and to achieve the required NC
closer to 45S5 bioglass. The manufactured scaffolds were compared with 13–93 vol.% composition
bioglass. The comparison highlighted that 3D porous scaffolds have similar NC values with 45S5
bioglass using two low silica contents. In addition, Pluronic F-127 binder could be accepted as a
universal binder for bioactive glasses regardless of their composition and reactivity. Results also
showed that ICIE16 and PSrBG based scaffolds are highly reactive and significantly enhanced the bone
regeneration speed [102].

Padilla et al. used calcined bioglass suspension to fabricate porous scaffolds through integrating the
stereolithography and gel-casting method. A polymeric negative mold was used via stereolithography
to cast bioglass suspension with Darvan-811 (sodium polyacrylate) as a dispersant. The slurry
containing 50 vol% was heated at 1100 ◦C for 55 s and later it was polymerized. The negative mold was
removed by heat treatment. The scaffolds containing interconnected 3D channels of 400–470 μm length
and 1.4 μm of pore diameter. The results illustrated that the entire interconnected porous scaffold was
created by this method [103].

Westhauser et al. inspected the osteo-inductive properties of different polymer coated 3D-45S5
bioglass scaffolds. These scaffolds are seeded with human mesenchymal stem cells (hMSC) implanted
into immunodeficient mice. The gelatin, cross-linked gelatin, and poly (3-hydroxybutyrate-co-3-
hydroxyvalerate) type coatings were used. histomorphometry and micro-computed topography
analysis were performed to evaluate the new formation after eight weeks of implantation. Although,
every bioglass scaffolds showed noticeable bone regeneration. However, gelatin-coated bioglass
scaffolds showed highest cell formation in comparison with other coated-bioglasses, as shown in
Figure 13 [104]. Some latest researches on 3D printing of bioceramics have been compiled in Table 4.

152



Materials 2019, 12, 3361

 

Figure 13. Histomorphometric and micro-CT analysis showing new bone development in polymer
coated Bioglass (BG) scaffolds inserted in mice for eight weeks [104].

Table 4. Overview of 3D printed bioceramics for bone tissue engineering.

Material Process In Vivo/In Vitro Model Key Findings Ref.

HA + liquid sodium
polyacrylate +
photopolymer

A ball crusher was used to
milled all the materials for 12
h to make a slurry with solid
content of 10~60 wt%. The

ceramic scaffold was
fabricated by using digital

light processing (DLP)
technique

Mouse osteoblast precursor
cells (MC3T3.E1) were

cultured in the condition of
α-MEM (10% fetal bovine

serum 4%
penicillin-streptomycin)

3D printed scaffold
showed better

biocompatibility,
adhesion, differentiation
and also able to promote
osteoblast proliferation

[105]

Biphasic calcium
phosphate (HA/β-TCP =

60:40) + HMPC+
polyethylenimine +

ZrO2

Extruded at pressure of 600
kPa with printing speed of
100 mm/min. Constructs
were sintered at 1100 ◦C

Investigated on osteoblast
like sarcoma cells for
cytotoxicity and for

differentiation potential of
the scaffolds hMSCs cells

were used

Better mechanical
properties of scaffolds at
10% (w/w) of ZrO2 was

observed with improved
BMP-2 expression.

[106]

β−TCP/polycaprolactone

β-TCP powder with 550 nm
particle size were used to
fabricate 350 μm pore size

cylindrical scaffolds.

Composite scaffolds were
tested using human fetal

osteoblast cells (hFOB) for 3,
7 and 11 days of incubation

period

Enhanced early bone
formation and effective

for controlled
alendronate release

[107]

β−TCP/sphingosine
1-phosphate (SIP)

The scaffolds were printed in
four layers and in different

sizes to fit in 6-well and
12-well plates. Printed

scaffolds were sintered at
1100 ◦C for 3 h.

Immunoregulation capability
was investigated on

macrophages and the
osteogenic capability was
tested on rat bone marrow
stromal cells of the coated

scaffolds.

Good biocompatibility,
improved bone

regeneration process
[90]

Bioactive glass/alginate

Composite scaffolds of type
13-93 bioactive glass (13-93
BG) and sodium alginate
(SA) were prepared with

mass ratio of 0:4, 1:4, 2:4 and
4:4 under mild conditions for

bone regeneration.

The apatite mineralization
abilities of the 13-93 BG/SA

scaffolds were tested by
soaking scaffolds in

simulated body fluid (SBF),
using 200 mL g−1 of scaffold
mass, at 37 ◦C for 0 and 10

days.

Improved porosity and
reduced shrinkage ratios [108]

Bioglass
(BG)/gelatin/cross

linked-gelatin/ploy
(3-hydroxybutyrate-co-

3-hydroxyvalerate)

Three different types of
3D-polymer coated BG

(45S5-type) scaffolds were
fabricated by the

well-established foam replica
method and coated with the

biopolymers.

Osteo-inductive properties of
3D-45S5 bioglass scaffolds

were investigated by seeding
human mesenchymal stem

cells (hMSC) implanted into
immunodeficient mice for

the period of 8 weeks.

Under standard
conditions biopolymer

coated 3D 45S5 BG
scaffolds have ability to
induce bone formation.

Gelation coated scaffolds
showed the best results.

[104]
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4. Application of Bioceramics in Orthopedic Implants

Natural bone has self-repair capability after the damage. The smaller fractures heal itself correctly,
however segmental bone defects (SBDs) lead to permanent paralysis [109,110]. SBDs fractures treated
with autologous bone graft technique requires harvesting of non-vital bone, such as, the iliac crest.

However, some complexities are also associated with bone grafting such as bone availability,
the mismatch between harvested bone and affected site, morbidity of donor site results in poor
integration [111]. Over the past three decades, a variety of synthetic materials have been
introduced to overcome the complexities such as calcium phosphates (bioactive glasses) and
hybrid bioceramics-polymer materials [112–115]. Table 5 showing different materials for bone
tissue engineering.

Table 5. Additive manufacturing (AM) materials for bone prostheses.

Material Binder Layer Thickness References

TCP Aqueous based 20 μm [93]

HA - 100 μm [116]

α/β-TCP modified with 5 wt%
hydroxypropymethylcellulose Water 100 μm [117]

β-TCP, SiO2-ZnO-dope
β-TCP Water based binder

20 μm (β-TCP)
30 μm (SiO2-ZnO-doped

β-TCP)
[118]

HA α-n-butyl cyanoacrylate
(NBCA) - [119]

TCP 20% (v/v)
phosphoric acid 125 μm [120]

TTCP/β-TCP 25% citric acid 100 μm [121]

α-TCP 10 wt.% phosphoric acid 50 μm [122]

HA/Maltrodextrin Water based 175 μm [123]

HA & Maltrodextrin/
apatite-wollastonite glass Water based 100 μm [124]

Roohani-Esfahani et al. fabricated glass-ceramic scaffolds with hexagonal pore structure via
extrusion-based AM method shown in Figure 14. The fabricated scaffolds have 150 times greater
strength compared to polymeric-composite scaffolds and five times greater than ceramic-glass scaffolds
having same porosity. The study has shown that these scaffolds have excellent capability to load-bearing
and segmental bone defects treatment [125].

Fierz et al. prepared HA based cylindrical scaffolds ranging from nanometer to millimeter
with straight channels and micro-pores through n-HA granules, ink-jet 3D printing AM technique.
The structure of 3D-printed scaffolds is almost similar to human cortical and cancellous bone. The
histological analysis has confirmed that osteogenic-stimulated progenitor-based 3D-printed scaffolds
are suitable for clinical use [126].

In another study, a robocasting technique was utilized to transport bone morphogenic protein
2 (BMP-2). HA slurry and polymethylmethacrylate (PMMA) microspheres were mixed together to
achieve controlled microporosity. Resins were eliminated by sintering the scaffolds at 1300 ◦C for 2 h.
Thereafter, 10 μg of bone morphogenic protein 2 was added to the microporous scaffolds in goat bone
for in vivo characterization for 4 and 8 weeks. Outcomes from this study showed great potential for
manufacturing HA scaffolds containing interconnected porosity. Furthermore, the existence of bone
morphogenic protein 2 and micro porosity upgraded scaffold osteogenesis ability as illustrated in
Figure 15 [127].
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Figure 14. Models (left column) and SEM images of inspected scaffolds (scale bars: 500 μm unless
stated otherwise); (A) Hexagonal; (B) curved; (C) rectangular and; (D) zigzag shape; (E) SEM images
of fracture surface of a Sr-HT-Gahnite scaffold fabricated by robocasting; (F,G) the microstructure
of Sr-HT-Gahnite scaffolds with distinct pore geometries vs porosity, and (H) flexural strength of
Sr-HT-Gahnite scaffolds with hydroxyapatite and BG scaffolds [125].

 

Figure 15. (A) Scaffold fabricated by directed deposition method. (B) The image of HA scaffold
implantation in the metacarpal bone of goat. (C) BMP-2 and microporosity on cortical bone. (D) Image
of BMP scaffold after 8 weeks representing the remodeling of the host bone, indicated by arrows. (E-a)
and (E-b) are the images of histological section of micro hindlimb after 4 weeks indicating the staining
of the microporous scaffolds at (a) low magnification and at (b) high magnification. Arrows indicate
(1) stained and (2) unstained and (3) regions where staining extends into the scaffold [127].
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Fielding et al. introduced (SiO2/ZnO) doped three-dimensional composite TCP scaffolds with
a pore size of 300 μm using binder jetting technique. The pure and (SiO2/ZnO) doped 3D-printed
TCP scaffolds implanted into a rat femur bone for the period of 6, 8 and 12 weeks to analyze the
histomorphometry and Immunohistochemistry. Results have proved that combining SiO2-ZnO
dopants in TCP are best alternative to achieve osteoinductive properties of calcium phosphates (CaPs)
for the clinical application of bone implants as shown in Figure 16 [118].

 
Figure 16. (a) CAD design used for 3D printing of porous scaffolds; (b) Schematic diagram illustration
of 3D printing process (binder jetting); (c) Real 3D printed scaffolds, numbers indicating the pore
size of scaffolds; (d) Staining of implant section via Goldner’s trichrome. Gray/brown color shows
CaP implants, blue is mineralized implants and osteoid formation can be seen by orange color.
Histomorphometry has done on trichrome sections (P < 0.1, where n = 3); (e) Confocal micrographs
of collagen I formation (green) over the period of 16 weeks; (f) Confocal micrographs of osteocalcin
(green). While blue color indicates counterstain for cell nuclei; (g) Light micrographs showing vWF
staining (the dark red spots) [118].

5. Challenges and Future Perspective

Despite all the achievements made in the past in 3D printing of tissue engineering, several
challenges still exist. Challenges can be divided into two major categories: (1) 3D printing of
biomaterials including live cells and (2) Post-implantation integration and functionality in vivo model.
One of the most common problems during manufacturing is nozzle clogging in nozzle-based 3D
printing techniques. To overcome nozzle clogging, printing precursor should have proper viscosity
and need to be homogenous. Another problem is that the 3D printed constructs need to be adequately
stable and mechanically stiff to ensure effective prosthesis. For instance, in hard tissue transplant, the
scaffolds elastic modulus should be high enough to sustain its designed porosity and structure to help
natural cell growth [128].

3D printed constructs for bone tissue engineering, being eventually implanted in a body, so these
constructs also need to support vascularization to deliver sufficient amount of oxygen and nutrition to
the cells in vivo to enhance the growth of newly implanted bone [129]. Vascularization plays a pivotal
role in a successful bone tissue implant. However, it remains a daunting challenge in bone tissue
engineering, particularly, in clinical application of large bone defects. Development of vascularized and
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clinically applicable bone substitutes with adequate blood supply, capable of inducing angiogenesis
and sustaining implant viability remains a critical challenge. Since oxygen is only accessible to those
cells through diffusion that are 100–200 μm from blood vessels, bioprinted constructs thicker than
400 μm face oxygenation problem. Therefore, it is a critical task to provide ideal conditions to help
vascularization in implanted bone constructs. There is a need for some extensive research to completely
understand the mechanism of the biological system of bone. Thus, manufacturing a biomimetic
vascularized bone that mimics the native bone can be helpful to overcome these hurdles. Due to
the ability of bioprinters utilizing several print-heads loaded with different cell types, introducing
vasculature was made possible to a 3D printed construct [130–132].

Recently, nozzle-based 3D-printers enabled the printing of endothelial cells using multiple bioinks
for the development of thick vascularized [133,134]. Especially, digital light processing (DLP) based
3D bioprinting can offer extraordinary speed, scalability and resolution for printing complex 3D
structures with micrometer resolution [135,136]. For instance, Zhu et al. printed well-designed
vascular channels without using perfusion or sacrificial materials by utilizing a rapid microscale
continuous optical bioprinter (μCOB). In this method, glycidyl methacrylate-hyaluronic acid (GM-HA)
and GelMA-cell laden bioinks were used to create channels and channel adjacent regions. From the
outcomes of this study, researchers were able to demonstrate the progressive formation of endothelial
network and formation of the lumen-like structures in vivo/vitro model. Anastomosis between the
bioprinted endothelial network and circulation was observed with functional blood vessels featuring
red blood cells [137]. Moreover, hypoxia is also having an important role in vascularization and
bone regeneration process. Hypoxia belongs to the family of Hypoxia-Inducible Transcription Factors
(HIFs) [138]. Kuss et al. utilized short-term hypoxic conditions to endorse vascularization in a hybrid
3D printed scaffold of polycaprolactone/hydroxyapatite (PCL/HAp) and stromal vascular fraction
(SVF) derived cell laden bioink [139].

Another type of challenge is regulatory hurdles, customized 3D printing technology entails series
of difficulties in the regulatory approval field. Though, it is urgent for the managing authorities to
establish appropriate laws and regulations to ensure sustainable progress of 3D printing technology.
At present, 3D-printed scaffolds and tissues are used for evaluation and screening purposes in
animal models.

6. Conclusions

In summary, this review outlined the latest researches on development of 3D printing of bioceramics
for bone tissue engineering, current state of the art is also discussed. Extensive amount of research on
3D bioprinting over the past 10 years highlighted its wide range of applications and potentials in bone
tissue engineering. Although, plethora of goals have been accomplished in 3D printing of bioceramics,
but it is still in its emerging stage.

However, to deal with challenges such as vascularization, and printing related problems, further
research on development of bioinks, integration of different 3D bioprinting technologies, improvement
of the mechanical properties of existing bioceramics, development of composites with excellent
biocompatibility and better understanding of bonding mechanism between bone mineral and collagen
are some primary areas of concern that can help to improve the applications of 3D printing in bone
tissue engineering.

Recently, a very limited number of bio-printed products have been commercially available. Due to
the rapid expansion of this industry in the last few years, it is foreseeable that more bio-printed
constructs will ultimately become commercially available to help wide range of patients suffering
from different kind of diseases. The technical problems related to clinical requirements and materials
selection are mentioned above, multidisciplinary research will be required to tackle those problems
and to comprehensively understand the potential of bioprinting in bone tissue engineering.
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Abstract: Replacement surgery of hip joint consists of the substitution of the joint with an implant
able to recreate the articulation functionality. This article aims to review the current state of the art
of the biomaterials used for hip implants. Hip implants can be realized with different combination
of materials, such as metals, ceramics and polymers. In this review, we analyze, from international
literature, the specific characteristics required for biomaterials used in hip joint arthroplasty, i.e., being
biocompatible, resisting heavy stress, opposing low frictional forces to sliding and having a low wear
rate. A commentary on the evolution and actual existing hip prostheses is proposed. We analyzed the
scientific literature, collecting information on the material behavior and the human-body response to
it. Particular attention has been given to the tribological behavior of the biomaterials, as friction and
wear have been key aspects to improve as hip implants evolve. After more than 50 years of evolution,
in term of designs and materials, the actual wear rate of the most common implants is low, allowing
us to sensibly reduce the risk related to the widespread debris distribution in the human body.

Keywords: biomaterials; ceramic; friction; hip; implants; polyethylene; prosthesis; simulator; wear

1. Introduction

The hip is one of the most important joints that support our body, having the task of joining the
femurs with the pelvis. The smooth and spherical head of the femur fits perfectly into the natural
seat of the acetabulum, which is a cup-shaped cavity; the whole joint is wrapped in very resistant
ligaments that make the joint stable. The hip joint is subjected to high daily stresses, having to bear the
weight of the upper part of the body. Thus, especially with advancing age, these stresses can jeopardize
its functioning.

Osteoarthritis of the hip is one of the most widespread alterations of the hip: it is a condition
that causes intense pain due to a stiffening of the joint itself. The surface of the femoral head, due
to arthritis, can undergo some alterations, becoming porous and causing damage to the entire joint
complex. Osteoarthritis of the hip, as a degenerative pathology, involves irreversible damage due
to which in many cases it is necessary to resort to the substitution of the compromised joint with
an artificial one. A hip prosthesis is an artificial joint designed to perform the same functions as the
natural one and which is surgically implanted. The surgical operation is referred to as Total Hip
Arthroplasty (THA).

This paper aims to exhaustively review the state of the art of the biomaterials used as hip
joint medical devices. More in depth, our review focuses on advantages, disadvantages and
future perspectives regarding the use of biomaterials: polymers, metals, ceramics, and composites.
This perspective may provide a clearer insight into how biomaterials research sets up the basis for the
design of innovative devices for improved solutions to orthopaedic clinical problems.
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1.1. History

Since its first application, the development of design and materials of hip prosthesis continuously
progressed. Its development is one of the most challenging issues of the century in the field of implant
technology [1]. Several materials were used for this scope: glass, polymers, metal alloys, ceramics,
composites, etc., trying to combine biocompatibility and fatigue resistance, stiffness, toughness,
withstanding static and dynamic loads, and high resistance to mechanical and chemical wear [2,3].
All these biomaterials were developed with the aim to improve the patient’s quality life, avoiding
repeated surgery. First attempts at hip surgery date back to 1750, in England, willing to heal arthritis
cases [4]. In 1840, the first idea of healing the hip was to replace it with a prosthesis [5]. This procedure
was limited to resurfacing or replacing the acetabular part of the femoral head. To do so a wooden
block was installed between the damaged terminal parts of the hip articulation. Due to wear particles
released into the body, this procedure ended up being disastrous. Biological elements were therefore
applied to solve the compatibility issue: skin, muscle tissue, pig bladder and gold foil [6]. Only several
decades later were used different artificial materials, such as rubber, zinc, glass, wax and silver
plates [4]. In 1880, Prof. Themistocles Glück implanted, for the first time, an ivory ball and socket
prosthesis fixed to the bone by screws [7]. Later on, finding that human body could not accept large
quantities of external material, he experimented with a mixture of plaster of Paris in combination with
powder pumice and resin.

Different materials were also introduced: in 1919, Delbet used rubber to replace a femoral
head, whereas Hey-Groves used ivory nail in 1922 to simulate the articular surface of the femoral
head [5]. In 1925, Marius Smith-Petersen introduced the first glass and bakelite femoral cup, defining
the mold arthroplasty technique, that consisted of a hollow hemisphere adapted over the femoral
head [8]. In 1938, Philip Wiles performed the first THA, employing a custom-made implant in stainless
steel that was fixed to the bone tissue with screws and bolts. In 1950, Austin Moore introduced
hemiarthroplasty, a new kind of hip implant, consisting of the replacement of the femoral head and
part of the femoral neck using a long-stemmed element. The stem fitted into the femur cavity without
cement, substituting around 31 cm of the proximal part of the bone, whereas the ball was placed on
the hip acetabulum. This procedure was satisfactory, even though loosening of the implant was still a
problem [5]. In Figure 1 are some of the mentioned hip prostheses designs.

 
Figure 1. Evolution of the prostheses design.
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In 1960, the orthopedic surgeon, San Baw, started performing hip replacements, and in twenty
years of work, over 300 ivory hip replacements, with an 88% rate of success [9]. The recognized pioneer
of THA, as currently known, is believed to be Sir John Charnley. During the 60’s, he defined the
concept of Low Friction Arthroplasty (LFA). His first prosthesis was made of a stainless-steel stem,
fixed with acrylic cement, and a 22.2-mm diameter head coupled with a polytetrafluoroethylene (PTFE)
cup, as shown in Figure 2. PTFE was unsuitable for prosthetic bearing, as it caused wear and tear that
leaded to inflammatory reactions. To solve these issues, Sir Charnley adopted other polymer materials,
such as high-density polyethylene (HDPE), and ultra-high molecular weight polyethylene (UHMWPE).
He also used cement fixation for the acetabular cup [10]. With this combination, the wear effects were
reduced, due to the smaller contacting surface and the hard-on-soft coupling. Sir Charnely made many
variations to the original design of his LFA, which led to thousands of successful operations.

Figure 2. Charnley’s first LFA.

1.2. Current Materials

Four main types of bearings are studied and applied in THA: metal-on-polyethylene (MoP),
metal-on-metal (MoM), ceramic-on-ceramic (CoC), and ceramic-on-polyethylene (CoP). Recently,
hybrid combinations were introduced such as ceramic heads and metallic inserts (CoM) [11,12]. Many
factors influence the choice between these types of bearing, such as the implant cost, age and activity
level of the patient, complications during surgery, etc. MoM articulations were introduced first in 1950,
by McKee and Farrar, leading to unsatisfactory results as two out of three implants were removed after
1 year due to loosening and the third removed for fracture [13–15]. After many improvements of the
bearings, they were reintroduced in 1960, when the wear rate ranged from 1 to 5 mm3 per year (which
was roughly 20 times lower than that registered for metal on polyethylene) [16,17]. MoM articulations
were used for both total hip replacements and hip resurfacing (HR), which have the advantage of
preserving the femoral head and neck, resulting in a less invasive operation and a lower dislocation
rate. When, during the 2000s, the issues of metal debris came to light, the MoM replacements were
almost stopped completely. In the early middle 2000s, these implants were used in more than one out
of five cases in the UK and up to one-third in the US. Today, they are used in less than 1% of the total
surgical operations [18]. MoM articulations have been used again in the last two decades, thanks to the
appearance of new surface finishing techniques [6] that improve their wear resistance. On the other
hand, MoM bearings aim to ensure high wear resistance, good manufacturability and low friction
torque. However, even if lower wear volume is associated with such implants, very small particles
are produced [19]. The amount of metal ions present in the serum and their potential toxic effects
both locally and systemically are a cause for concern [19]. Moreover, polishing wear, promoted by
wear debris, produced by the abrasive action of carbides, has been shown in retrieved Co-Cr alloy hip
implants [19].
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Up to the middle of the 1990s, the most widespread hip implant was MoP couples that worked
well in older and less active patients [20]. Two relevant problems were still a concern: aseptic loosening
as result of inadequate initial fixation caused by particle-induced osteolysis around the implant and
hip dislocation.

In the 80’s, when aseptic loosening and osteolysis arose as main issues in metal-on-polymers hip
implants, the firsts CoC couples were launched, starting with alumina and zirconia [21–23]. Zirconia
ceramics have been introduced for orthopedic implants as a secondary ceramic material along with
alumina for several years. Major advantages of ceramics for THA are their hardness, scratch resistance,
and the inert nature of debris [24]. These characteristics promote the use of CoC bearings, and the
inert nature of the wear debris result in them being the best choice for young patients. On the other
hand, their use is expensive, and implants require an excellent surgical insertion to preclude chipping
of contact surfaces.

The introduction of an innovative hybrid hard-on-hard bearing ceramic head and metallic insert
claimed to reduce ion release and wear particle production and possibly the breakage of the ceramic
insert rim [25–27]. In in vitro studies on CoM hip implants [12,28], smaller particles and lower wear
have been found.

Nowadays hip joint prostheses are made with metals, ceramics and plastic materials. Most used
are titanium alloys, stainless steel, special high-strength alloys, alumina, zirconia, zirconia toughened
alumina (ZTA), and UHMWPE. Usually, stems and necks are composed of metals, whereas femoral
heads can be both metal and ceramic, and the acetabulum can be made of metals, ceramics or polymers.
There are several combinations that can be realized by using these materials with the aim of coupling
with the fewest concerns and the highest long-term success odds.

Hereafter, we present an overall evaluation of biomaterials (polymers, metals, ceramics) for THA.

2. Polymers

Polymer materials were the first choice for low friction hip replacements, as proven by Charnely.
Highly stable polymeric systems such as PTFE, UHMWPE or polyetheretherketone (PEEK) have been
investigated due to their excellent mechanical properties and their high wear resistance. Nevertheless,
when implanted, acetabular cups made of polyethylene generate debris that is attacked by the body’s
immune system [29]. This leads to bone loss, also known as osteolysis; furthermore, since the debris
accumulates in the area close to the implant, the bone loss leads to loosening of the implant stem.
This results in the needs of a revision, namely, another surgery. Revision for loosening is four times
higher than the next leading reason (dislocation at 13.6%) and is more severe in young patients [30].

2.1. PTFE

PTFE has a high thermal stability; it is hydrophobic, stable in most types of chemical environments,
and generally considered to be inert in the body [31]. It was used by Charnley in his firsts THA,
but exhibited two main drawbacks, which were found only after implantation in 300 patients [32].
The material had a very high wear rate, equal to 0.5 mm per month [33], and PTFE produced
voluminous masses of amorphous material due to the vast number of foreign-body giant cells [34].
Furthermore, this debris elicited an intense foreign-body reaction that Charnley verified by injecting
two specimens of finely divided PTFE into his own thigh [35].

Charnley tried to use a composite material based on PTFE reinforced with glass fibers (known as
Fluorosint), finding poor performance in vivo, despite its fine behavior in vitro. The composite, after
one year of implantation, developed a pasty surface that could be easily worn away. Plus, the filler
acted abrasively and lapped the metal counter-face. Moreover, this composite material showed a
higher rate of infection (20%) and loosening (57%) than the other materials employed [36].
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2.2. UHMWPE

Charnley introduced UHMWPE in 1962, urged by the failure of PTFE as a bearing material and
sustained by the promising behavior in laboratory tests [37]. The polymer is characterized by its
excellent wear resistance, low friction and high impact strength. It is created by the polymerization
of ethylene, and it is one of the simplest polymers. Its chemical formula is (–C2H4–)n, where n is the
degree of polymerization, being the number of repeating units along the chain. The average degree of
n is a minimum of 36,000 [38], having a molecular weight of at least 1 million g/mole as defined by the
standard [39].

During the 1980s and early 1990s, aseptic loosening and osteolysis emerged as major problems in
the orthopedic field, and these problems were perceived to limit the lifespan of joint replacements [40].
To limit the wear particle concentration and improve the overall mechanical characteristics, efforts have
been made to improve the overall characteristics of UHMWPE for hip implants. In the 90s, scientists
were able to correlate changes in the physical properties of the UHMWPE with the in vivo degradation
of mechanical behaviors. UHMWPE was typically sterilized by gamma irradiation, with a mean dose
of 25 to 40 kGy. This process resulted in the formation of free radicals, which are the precursors of
oxidation-induced embrittlement. Only in the past decade did the radiation crosslinking achieve
common diffusion. This process of crosslinking combined with thermal treatment has emerged to
increase wear and oxidation resistance of the polymer, and a large number of laboratory and clinical
studies indicated positive outcomes [41–44]. Crosslinked polyethylene is commonly abbreviated as PEX
or XLPE. Currently, there are different treatments, including irradiation and melting, irradiation and
annealing, sequential irradiation with annealing, irradiation followed by mechanical deformation, and
irradiation and stabilization with vitamin E [45]. Crosslinking also affects the mechanical properties
of UHMWPE, corresponding usually to a decrease in the toughness, ultimate mechanical properties,
stiffness, and hardness of the polymer [46]. These factors could negatively influence the device
performance in vivo [47]. Free radicals may form during the manufacturing process, allowing for
oxidative changes in the XLPE. As a consequence, the wear resistance of the polymer is expected
to decline, the opposite behaviour constitutes a sort of paradox. Muratoglu et al. [46] studied
the wear behavior of UHMWPE, finding drastic changes as a consequence of crosslinking; these
authors found that this process reduces the ability of molecules to orient and reorient, inhibiting
this mechanism responsible for wear. It also appeared that the level of crosslinking, found in the
study, overwhelmed the effects of reduced mechanical and physical properties in controlling the
wear behaviour of UHMWPE. For the best outcome, XLPE should be cross-linked at a correct level
of radiation, and then re-melted to remove the free radicals [48]. The exceeding free radicals that
did not react to form cross-links through irradiation must be eliminated to prevent the formation of
oxidized species and their recombination. The removal can be realized through two different methods:
annealing or remelting; highly cross-linked polyethylene (HXLPE) has demonstrated superior wear
resistance compared to gamma-sterilized materials [46]. By annealing below the peak melting point of
the polymer, some of the crystalline regions are melted and the free radical concentration is reduced,
but it is still measurable. On the other hand, through post-irradiation remelting, residual free radicals
are reduced to undetectable levels, as measured by state-of-the-art electron spin resonance instrument.
By this process, crystallinity is reduced after the melting step due to the hindrance by the new crosslinks,
so the mechanical strength and fatigue resistance of the polymer decrease [49]. Several clinical studies
have been realized on the in vivo oxidation of remelted or annealed XLPEs, even if our knowledge is
restricted to what might happen during the first decade of implantation [50].

Muratoglu et al. [51] analyzed retrieved XLPE acetabular liners, finding minimal oxidation,
but they discovered that the oxidation increases during shelf storage in air, producing severe damage.
They assumed that two mechanisms could alter the oxidative stability of UHMWPE, the in vivo cyclic
loading and the absorption of lipids. Lipids are able to react with oxygen and thus extract hydrogen
atoms from the polyethylene chains, provoking the initiation of free radicals.
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Rinitz et al. [52] investigated short- and middle-term retrievals made of remelted and annealed
HXLPEs to determine whether oxidation can lead to mechanical property changes through oxidative
chain scissions.

Their studies proved crosslink density decreases, corresponding to augmented oxidation for
some highly cross-linked, thermally stabilized materials. Other clinical studies highlighted fast in vivo
oxidation rates of post-irradiation thermally treated retrievals [53].

Successful outcomes are reached by HXLPE liners associated with a delta ceramic femoral
head, as found by Kim et al. [54], finding an annual penetration rate of the femoral head of around
0.022 mm/year. Hamai et al. compared the clinical wear rates of annealed and remelted HXLPE
liners by means of radiographs on 36 matched pairs of hip explants. They found significantly greater
creep in the remelted than the annealed, but no significant differences between the steady state
wear rates. The retrospective study of Takada et al. [55] compared the wear behavior between the
second-generation annealed and first-generation remelted HXLPEs. Involving 123 primary THA, their
study confirmed excellent wear resistance of both types of HXLPE, but found that second-generation
annealed HXLPE had a better wear resistance than first-generation remelted HXLPE in a short-term
follow-up. Also, D’antonio et al. [56] reported the wear rate of second-generation annealed HXLPE,
which compared to a conventional polyethylene, represented a reduction of 72–86% (depending on
other studies results). They further found a reduction of 58%, when comparing the linear wear of the
second- and first-generation annealing HXLPE.

Crystallinity of the polymer is a function of the irradiation dose and of the thermal treatment [57].
Irradiation leads to smaller chains with augmented mobility, whereas the change in crystallinity after
the thermal procedure depends on the temperature reached. If the treatment is realized below the
melting point of 137 ◦C, the chain mobility rises, yielding higher crystallinity [58,59]. If the procedure is
performed at higher temperature, the crystallization of the polymer, during the cool-down to ambient
temperature, occurs in the presence of cross-linking, which decreases the crystallinity of the polymer
and improve the wear resistance with small changes in toughness [58].

Basically, the mechanisms by which UHMWPE improves its chains occurs via plastic deformation
of the polymer, with molecular alignment in the direction of motion that results in the formation of fine,
drawn-out fibrils oriented parallel to each other [60]. As a result of this arrangement, the UHMWPE
wear surface may strengthen along the direction of sliding, while it weakens in the transverse
direction. In light of this, there is a will to realize reinforced polymers with high strength such
as self-reinforced UHMWPE [61]. This composite is basically a non-oriented matrix of UHMWPE
where reinforcement particles of the same material have been dispersed, resulting in a polymer
with excellent biocompatibility, increased mechanical properties and the chance to be sterilized and
cross-linked such as the traditional UHMWPE [61].

In Figure 3 are presented typical PE prostheses designs.
In the recent years, a different approach was developed to stabilize polyethylene. Blending

vitamin E with polymers was firstly meant as a hygienically safe stabilization, Tocopherol compounds
were proposed as a stabilizer for polyolefin in the 1980s [62]. In 1994, Brach del Prever et al. [63]
introduced UHMWPE blended with vitamin E for a prosthetic implant. In 2007, the first vitamin
E-diffused, irradiated UHMWPE hip implant was clinically introduced in the United States (Biomet
Inc., Warsaw, IN, USA) [64]. The blending led to the interruption of the oxidation cycle by decreasing
the reactivity of the radical species, giving origin to a third generation of polyethylenes [64–66].
If vitamin E-stabilized, irradiated UHMWPE undergoes accelerated aging at high temperatures and/or
in the presence of pure oxygen, it will be oxidatively more stable than gamma-sterilized or high-dose
irradiated UHMWPE [67,68]. In vitro studies supported the hypothesis that vitamin E-blending would
enhance the oxidative stability of XLPEs. There are also some drawbacks in the procedure: increasing
the concentration of vitamin E in the blend is not viable, the obstacle of cross-linking in the presence of
vitamin E prescribes the use of a lower concentration [69]. Therefore, a balance is needed to obtain
elevate cross-linking density and high oxidative stability.
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Figure 3. Some of the designs that are achieved with polyethylene for the acetabular cup.

2.3. PEEK

Polyether-ether-ketone (PEEK) is a well-known biocompatible polymer used in orthopedic
applications [70]. It has been considered as an alternative joint arthroplasty bearing material due to
its favorable mechanical properties and the biocompatibility of its wear debris [71]. PEEK had been
used as biomaterials, in particular in the spine, since the 1980s [72,73], due to its structure that confers
outstanding chemical resistance, inertness, and thermal stability for in vivo conditions. In 1998, Wang
and coworkers [74] tested acetabular cups made of PEEK on a hip simulator for 10 million cycles.
They observed a reduction in the wear rate of almost two orders of magnitude in comparison to a
conventional UHMWPE/metal or UHMWPE/ceramic couple. However, despite the good promises
deriving from in vitro, low contact stress situations, when in high contact stress environments, there
are questions about the suitability of this material as acetabular cups or knee tibial components [75,76].
No clinical data of its use are available.

3. Metals

Metallic materials have wide applications in the medical and bioengineering fields and are
widespread as orthopedic implants components. The most common traditional metals used for THA
are stainless steels, titanium alloys (Ti6Al4V) and—mainly—cobalt-chromium-molybdenum alloys.
The latter have good corrosion resistance compared to other metals, and high toughness, high wear
resistance and higher hardness (HV = 350) than other metals and polymers.

3.1. Cobalt Chromium Molybdenum Alloys

MoM articulation is typically produced from cobalt-chromium-molybdenum (CoCrMo) alloys.
CoCrMo alloys are composed of 58.9–69.5% Co, 27.0–30% Cr, 5.0–7.0% Mo, and small amount of other
elements (Mn, Si, Ni, Fe and C). These metallic alloys can be divided in 2 categories: high-carbon alloys
(carbon content >0.20%) and low-carbon alloys (carbon content <0.08%) [77,78]. In addition, metallic
alloys can be manufactured using 2 different techniques such as casting and forging; the grain size of
the forged alloy is typically less than 10 μm, whereas the grain size of the cast material ranges from
30 to 1000 μm [79]. Intensive studies were done on the metallurgy for CoCrMo alloys with carbon;
nevertheless, there is no complete phase diagram. This is mainly due to the complex phases existing
in the system. Various carbide species, such as M23C6, and M6C can take place based on the heat
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treatment [80]. The differences in the microstructure of the carbides, their chemical composition, and
nano-hardness are related to wear performances.

Cobalt and chromium are both present in the environment and in food. They are necessary
to human beings as trace elements in the body but are toxic when highly concentrated. Patients
with Co-Cr metal-on-metal pairings are exposed to wear with release of cobalt and chromium into
the synovial fluid. These are capable of migrating to the blood before being expelled through the
urine [81,82]. There is poor knowledge on the effects of circulating Co and Cr; they may affect mainly
biological and cellular functions with potential effects on the immune system, mutagenesis, and
carcinogenesis. In patients with metal-on-metal hip implant, elevated levels of circulating Co and Cr
ions may be generated, and there is a positive linear correlation with a lymphocytic reactivity [83,84].

3.2. Other Metal Alloys

Metallic materials have high module of elasticity, which limits stress distribution from implant to
bone. Therefore, new metallic components have been developed with lower elastic modulus and higher
corrosion and wear resistance. There is continuous research for new metallic alloys for application
in hip prostheses to obtain a better biocompatibility along with superior mechanical properties. Still,
it is mandatory to find a compromise between the many optimal characteristics desired for an implant
material. Co-Cr-Mo alloys have low chemical inertness but high wear resistance, whereas stainless steel
alloys have low strength and ductility. Zirconium (Zr) and tantalum (Ta) are refractory metals—due to
their great chemical stability and elevate melting point—and are very resistant to corrosion, due to
the stability of the oxide layer. As vanadium is a relatively toxic metal, some attempts were made to
replace it in the widespread Ti-6Al-4V alloys. To improve biocompatibility and mechanical resistance,
this Ti-6Al-4V alloys was replaced with iron (Fe) or niobium (Nb), realizing the improved alloys
Ti-5Al-2.5Fe and Ti-6Al-7Nb. These alloys with respect to the traditional Ti-6Al-4V have greater
dynamic hardness and lower elastic module, allowing a better implant/bone stress distribution. A new
class of titanium alloys introduced into the orthopedic field uses molybdenum in concentration greater
than 10%. Its presence stabilizes the β-phase at room temperature; these are referred to as β-Ti alloys.
Having 20% less elastic modulus, they behave closer to real bones and have better shaping possibilities.
Femoral stems made of a β titanium alloy have been used as part of modular hip replacements since
the early 2000’s but were recalled in 2011 by the US Food & Drug Administration (FDA) due to
elevated levels of wear debris. Yang and Hutchinson [85] found that the dry wear behaviour of a β

titanium alloy (TMZF (Ti-12Mo-6Zr-2Fe (wt.%)) is very similar to that of Ti64, whereas their behaviour
is completely different in simulated body fluid, where the wear of TMZF is significantly accelerated.
Another recently introduced metal material is the oxidized zirconium (Oxinium, by Smith & Nephew),
with a metal core and abrasion-resistant ceramic surface. The niobium alloy of zirconium has proven to
decrease the UHMWPE wear rate and particle production considerably [86]. In Figure 4 it is possible
to see the design of metal implants with different material renderings.

Figure 4. Metal femoral heads: (a) stainless-steel; (b) Oxinium; (c) CoCrMo.
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The revision rate of large head metal-on-metal and resurfacing hips is significantly higher than
that of conventional total hip replacements. The revision of these bearings has been linked to high
wear as a consequence of edge loading, which happens when the head-cup contact patch extends over
the cup rim [87]. Underwood et al. [88] highlighted that using hip implants with low clearance, having
more conformal contact and so a larger contact patch, increases the risk of edge loading and therefore
intense wear.

4. Ceramics

The word ceramics derives from Greek, keramos, meaning potter or pottery. Ceramics were defined
by Kingery [89] as “the art and science of making and using solid articles, which have, as their essential
component, and are composed in large part of, inorganic nonmetallic materials”. It is likely to say
that a ceramic is whatever material is neither a metal, a semiconductor or a polymer. Ceramics are
used to build engineering components when wear resistance, hardness, strength and heat resistance
are required. Ceramics were also defined as “the materials of the future”, as they are derived from
sand that is about 25% of the earth’s crust as compared to 1% for all metals [90]. In the lasts decades,
ceramic materials have exhibited great appealing and diffusion thanks to their chemical and physical
characteristics, attracting the interest of biomedical scientists and companies [91]. Ceramic materials
were introduced in the THA more than twenty years ago to overcome the major issue of polyethylene
wear [92].

4.1. Alumina

Alumina was introduced in THA implants in 1971, when Boutin realized alumina-on-alumina hip
coupling, leading to good clinical results [93,94]. Alumina ceramic has been one of the main ceramics
to be used in THA, relying on its good tribological properties, meaning a favorable frictional behavior
and a high wear resistance [95]. On the other hand, it has weaker mechanical resistance than other
materials. It showed good performances in compression, but weak resistance to tensile stresses [96].
Alumina ceramics have been used in clinical applications for their tribological properties due to their
hardness [97]. Among the ceramics, alumina is probably the most commonly used material.

The alumina used for hip replacements was different from the first generation of the material used
for industrial applications. In particular, the first generation of alumina showed poor microstructure
with low density, scarce purity, and large grain size. This generation of alumina was unsuited for
biomedical use. The continuous efforts performed in this field allowed researchers to purify and
improve this process, leading to an alumina for medical use, commercially known as Biolox® [21,92].
The ISO 6474 standard, introduced in 1980, aimed to improve the quality of alumina for THA and
to decrease the fracture occurrence. Alumina performance is related to different aspects, such as the
density, the purity and the grain size. The last one, in particular, influences the wear rate, as it decreases
with smaller grain size [92]. In the 90’s alumina hip implants were improved with the arrival of Biolox®

forte on the market, which could rely on innovations in the production process to furnish much better
mechanical characteristics [21,92]. It was realized using improved raw material, with smaller gain size,
low level of impurities and sintered in air. Biolox® forte has a density of 3.98 g/cm3 and grain size of
3.2 m, whereas for Biolox®, these values are 3.96 g/cm3 and 4.2 m [98].

Recently, concerns have been raised because of some clinical reports on the presence of
audible noise in some ceramic-on-ceramic THA patients [99]. The so-called “clicks” or “grinds”
have been described after THA, regardless of whether metal-on-polyethylene, metal-on-metal,
or ceramic-on-ceramic bearings were used [100]. The “squeak” appears to be limited, however,
to hard-bearing couples. It is probably related to implant design or cup orientation and the exact
etiology of squeaking is the object of debates; there is neither a specific definition for post-surgery
squeaking nor a universal categorization for the sound [101].
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4.2. Zirconia

Zirconia has high toughness and good mechanical properties; among all the monolithic ceramics,
it has outstanding crack resistance [102]; these are the main reasons that made zirconia a very
widespread alternative to alumina for THA. Firsts attempts were focused on magnesia partially
stabilized zirconia (MgPSZ), that did not satisfy the wear resistance requirements [103]. Therefore,
further developments were focused on yttria stabilizing oxide (Y-TZP), a ceramic that is completely
formed by submicron-sized grains, representing the current standard for clinical application [104].
A picture of such a ceramic femoral head is shown in Figure 5.

Figure 5. Zirconia femoral head.

Y-TZP is composed of tetragonal grains sized less than 0.5 μm, the faction of which retained
at room temperature depends on the size, the distribution and the concentration of the yttria
stabilizing oxide [96]. Such microstructural parameters define the mechanical properties of the Y-TZP.
The tetragonal grains can transform into monoclinic grains, producing 3–4% volume expansion [105],
which is the reason behind the toughness of the ceramic and its ability to dissipate the fracture
energy. When a pressure acts on grains, e.g. a crack advancing in the material, they shift to the
monoclinic phase, dissipating the crack energy in two ways: the T-M transformation and the volume
expansion [106]. There are also metastable tetragonal phase particles, of which formation depends
on grain size, stabilizing oxide concentration and matrix constraint. Above 100◦C, the metastable
particles in a wet environment can spontaneously transform into monoclinic particles [107]. As the
transformation progresses, a decrease in material density and in strength and toughness of the ceramic
can be observed. The structure of Y-TZP at room temperature is realized by submicron sized grains that
grow during the sintering; it is therefore necessary to start from submicron size powders (e.g., 0.02 μm)
and to introduce some sintering aid to limit the phenomenon [9].

With respect to metals, Y-TZP shows superior wettability properties that allows for fluid film
formation between the articulating surfaces of an implant. Even if in clinical practice the Y-TZP
femoral heads were only coupled with UHMWPE cups, tests performed on Y-TZP vs. alumina
returned positive results [108]. From the wide investigation campaign on the wear performance of
UHMWPE vs. zirconia, there is a general agreement on the fact that the wear is not higher than
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UHMWPE vs. alumina [109–111]. Discrepancies in results derive mostly from the differences in the
bulk materials used in laboratories, in their finishes, testing procedures etc. There is great concern in
the orthopedic community regarding the future of Zirconia as prosthesis. The market has decreased
more than 90% between 2001 and 2002 (corresponding with the recall and abandon of Prozyr®, by Saint
Gobain) [112]. More than 600000 femoral heads used in Y-TZP have been implanted worldwide, mostly
in EU and US. The debate on the Y-TZP future is due to its pros and cons; it exhibits the best mechanical
properties (resistance to crack propagation) but is prone to aging in the presence of water.

Zirconia manufacturers tried to shrink this problem, claiming that it was limited under in vivo
conditions until 2001 when around 400 femoral heads failed in a short period. This event was related
to accelerated ageing affecting two batches of Prozyr® [112]. Even if the reason was identified to be
processed controlled, this event led to catastrophic impact on the use of the Y-TZP, pushing some
surgeons to go back to other solutions. The ageing problem and the Prozyr® event are still an issue,
and further efforts are required to gain confidence from the orthopedic society. In this way, the future
seems to be based on the combination of zirconia and alumina to obtain advanced composites.

4.3. Zirconia Toughened Alumina

In the second half of the 1970s, a new class of ceramic-based composite materials developed.
This new composite material was realized by introducing up to 25% wt. of zirconia into an alumina
matrix; this composite material is known as zirconia toughened alumina (ZTA). The addition of a
fraction of zirconia to alumina results in a composite material of increased toughness [109,110,113].
In the 2000s, the first ZTA material introduced in a clinic was a composite known under the trade
name of Biolox® Delta [114]. A picture of such a ceramic femoral head is shown in Figure 6.

Figure 6. Biolox® Delta femoral head.

This material provides elevate resistance to the onset of cracking and to crack propagation [115,116].
This ZTA composite combines the best characteristics of both alumina and zirconia: the strength and
toughness of alumina and the excellent wear resistance, chemical and hydrothermal stability of the
alumina. This combination is realized through the uniform distribution of nano-sized particles of
yttria-stabilized tetragonal zirconia (Y-TZP) in the alumina matrix. A small percentage of chromium
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oxide (Cr2O3) is added to counterbalance the hardness reduction caused by the zirconia presence.
Strontium oxide (SrO) is added to the material, during the sintering process, to form strontium
aluminate (SrAl12–xCrxO19) platelets [117]. These flat and elongated crystals dissipate cracks energy
and limit their advance, as it would require extra energy for the crack to overtake the crystal. The final
composite is a mixture of roughly 75% alumina, 25% zirconia, and less than 1% chromium oxide and
strontium oxide [96]. Deville et al. [118] found that Alumina Y-TZP composites exhibit significant
ageing, but this process was far slower than usually observed in Y-TZP ceramics, which is ascribable
to the presence of the alumina. On the other side, the presence of zirconia aggregates was recognized
as the main cause of ageing sensitivity [119]. Realizing an optimal dispersion at acid pH can avoid the
formation of zirconia aggregates, but as soon as the percolation threshold level (16 vol.%) is exceeded,
ageing cannot be avoided.

These composites achieve a fracture toughness (KIC) up to 12 MPa·m1/2 and a bending strength
up to 700 MPa. Due to the different elastic moduli of the two components, cracks will tend to move
across the less stiff zirconia particles, inducing their T-M phase transformation that dissipates the
crack energy.

5. Wear Behavior

Among the bearing surfaces involved in total hip arthroplasty, the biomaterials are submitted to
sliding friction, producing particle debris, which, in turn, initiate an inflammatory reaction ultimately
leading to osteolysis [120]. Wear is defined as a cumulative surface damage phenomenon in which
material is removed from a body in the form of small particles, primarily by mechanical processes [121].
The wear mechanism is the transfer of energy with removal or displacement of material and in that
follows an explanation of the mechanisms of wear observed with different biomaterials.

Pertinent literature was obtained from the Scopus database. The key words “hip joint
replacement,” “hip prostheses,” “in vitro wear,” “in vivo wear,” and “THA” were searched in various
combinations, and results were narrowed based on relevance to this review. Only articles from
peer-reviewed journals were included.

5.1. Wear of Polyethylene

The primary mechanism of wear of polyethylene in THA is adhesive/abrasive, leading to the
formation of sub-micron sized particles [33]. Elongated fibrils found in retrieved acetabular elements
are precursors for this wear mechanism [58]. There is proof that the morphology of UHMWPE changes
due to mechanical input. For example, it has been found that the mechanical properties of the polymer
are dependent on both its crystalline and amorphous phases wear is led, at a micro-scale, by cyclic
plastic deformation of the articulating surface [38]. Microstructural changes are correlated with plastic
deformation in UHMWPE, in that lamellar alignment has been found during tests of cyclic tension, as
well as decreased crystallinity in monotonic tension and compression specimens taken past yield [122].

There are different factors that influence the UHMWPE wear; some of them are related to the
material itself, other are mostly due to the whole implant design. In the first category, is the nature
or quality of the powder, as well as the tensile-rupture energy, the manufacturing process and the
sterilization procedure. UHMWPE components can be obtained from ram-extruded bars; this process
leads to internal inconsistencies or “dead zones”. The dead zones can lower the molecular weight and
increase the wear rate of the final component [123]. Furthermore, the so-obtained elements tend to
have micro-shred on their surface that can cause the third-body wear process. If the component is
realized through heat stamping, as the melted outer layer cools, crystallization begins. The differential
cooling leads to internal stresses resulting in a final element with anisotropic strength properties,
vulnerable to oxidation degradation.

In the adhesion/abrasion wear mechanism, the surface conditions of the femoral head component,
in particular its roughness and hardness, are key aspects. The hardness of the head material should be
higher than that of the acrylic bone cement. If so, in a cemented arthroplasty, there will be less likely for
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third-body wear at bearing surfaces. To minimize the UHMWPE wear rate, the counter-body should
be very hard and have a low contact angle (less than 70◦); further, the head should be as smooth as
possible and inert to oxidation.

5.2. Wear of Metals

The dynamic loading these implants undergo, together with the corrosiveness of physiological
fluids can enhance the degradation processes. The combined effect of wear and corrosion does not
consist of a simple sum of the two but more as a synergy realized between them called tribo-corrosion.
Tribo-corrosion is defined as an “irreversible transformation of material in tribological contact caused
by simultaneous physicochemical and mechanical surface interactions” [124]. In the last decades,
a scaring occurrence of inflammatory reactions has been seen in patients with large head MoM THA,
often with signs of tribo-corrosion at the head-neck interface. Tribo-corrosion arises not only at MoM
bearing surfaces, but also at metal/metal modular junctions where micro-motions between the two
components are possible.

More frequently, the wear of metal bearings can be distinguished in three main processes and
their combinations: abrasive wear, due to either two or three bodies, adhesive wear and fatigue wear.
However, other types of wear such as corrosive can occur. The corrosion resistance of metals relies
on the passive layer formed on their surface in contact with a corrosive environment. Metals react
with an oxygen-rich biological environment, realizing a thin protective oxidative coating – generally
2–5 nm thick – that limits corrosion. The oxidative layer forms immediately when exposed to in vivo
conditions, but it does not last forever. Regarding the passive metals, wear can break the oxide layer
on the surface, accelerating the dissolution of the base metal. The coatings can be scratched or rubbed
off when surface contact happens. Even though the oxide layer spontaneously reforms, in restoring
the protection of the surface, there is a rise in corrosion currents during the process, which causes
the degradation of the material along with the release of metallic ions [125]. Once the film is worn
out, the implant can release metal ions and particulates. The presence of these elements realizes third
body wear that intensely increases wear rates. This damaging process applied on the coating, and
metal ions released, and reformation of new coatings is known as oxidative wear [122]. The propensity
of the layer to breakdown derives from the difference between the resting and breakdown potential.
Regarding the CoCr alloys, the difference is high but corrosion can still happen under certain conditions.
However, localized corrosion is not so common in CoCr alloys, which typically fail by trans-passive
dissolution [125].

Galvanic corrosion can arise when different metals are in contact with each other, but also when
the contact is between the same metal being partly under corrosion and partly under tribo-corrosion
conditions. This type of galvanic contact is typical of modular implants, as in the neck-head contact.

Wear particles occurring in MoP implants are within the size range required for phagocytosis
by macrophages, which is considered to be a cause of aseptic loosening [126]. On the other hand,
particles generated by MoM implants belong to the nanometer scale, which reduces macrophage
reaction. Nevertheless, the distribution of these particles within the body can have different biological
effects and could be responsible for cytotoxicity, hypersensitivity and eventually carcinogenesis.

Investigations on retrieved 1st and 2nd generation MoM hip prostheses have shown linear
penetrations of roughly 5 mm/year, which corresponds to a wear volume of approximately
1 mm3/year, two orders of magnitude lower than conventional polyethylene acetabular cups. The wear
of hard-on-hard articulations such as MoM hip prostheses has two separate stages. Elevated bedding
in the wear period occurs during the first million cycles or first year in vivo. Afterwards, a lower
steady-state wear period occurs as the bearing surfaces have been subjected to the self-polishing
action of the metal wear particles, which may act as a solid-phase lubricant. In vitro investigations,
realized by hip simulators, generally show steady-state wear rates to be lower than those reported
in vivo. The wear of tested MoM hip prostheses, 1 mm3/million cycles, is much lower than the more
widespread polyethylene-on-metal bearings, 30-100 mm3/million cycles [19].
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Each type of Co-Cr alloy has different characteristics that influence the wear rates of an
implant. These properties comprise carbon percentage, manufacturing procedure and surface finishing.
High carbon alloys have an initial wear of 0.21 mm3/million cycles for the cast implants and
0.24 mm3/million cycles for the wrought implants, whereas, alloys with a low carbon concentration
have a significantly greater wear rate of 0.76 mm3/million cycles. The high percent carbon alloys show
superior wear resistance as compared to the low percent carbon alloys with the assumption that there
was no additional variation in other parameters.

In the human hip joint, wear can be designated as reciprocating sliding wear, because the contact
area is smaller than the stroke of the wear path. Furthermore, the wear paths of the back and forth
section of the cycle do not lie on the same geometrical lines, which lead to sliding wear. Even though,
in sliding as well as in reciprocating sliding wear, all the other wear process—adhesion, abrasion,
surface fatigue and tribochemical reactions—may be present at the same time [127].

5.3. Wear of Ceramics

Ceramic-on-ceramic implants have a life expectancy longer than implants with other combinations
because of their very low wear rate. This clinical result led to the success of the ceramic implants: since
1990, alumina components were implanted more than 3.5 million times, whereas zirconia elements
were used more than 600k times [128]. Nevertheless, ceramic is a brittle material and fractures can
happen under adverse circumstances. Fracture probability is low (0.004–0.35% for alumina heads) but
does occur [129]. The main causes of head fractures are local stress concentrations that are ascribed to
taper interface contamination or damage or to loosening of the head on the taper [130,131].

Affatato et al. [113] tested different ceramic configurations, i.e., pure alumina vs. alumina
composite. The wear rate was lower for the pure alumina than for the alumina composites. Still, no
statistically significant differences were observed between the wear behaviours of these materials
at a 95% level of confidence. In different work, Affatato and co-workers [11] carried out wear tests
to compare the tribo-behaviour of different sizes of ceramic components. Two different batches of
alumina Biolox® Forte (28 mm vs. 36 mm) were tested on a hip simulator under bovine calf serum for
five million cycles. They found that the 36 mm Biolox® forte size showed less weight loss than the
28 mm Biolox® Forte size.

Nevelos et al. [132] studied the behavior of CoC bearings realized with hot isostatically pressed
alumina and compared with the standard alumina ones. They found a reduction of the wear rate
for the hot-pressed prosthesis when working under standard conditions. Different behavior was
observed under Gelofusione® (4% w/v solution of succinylated gelatin) and water lubricants, where
the non-hot-pressed ceramic showed a lower wear rate. Even so, the results were significantly affected
by uncertainties as testified by the large error bars. It is worth noting that the wear rates reported by
the authors, under standard testing conditions, were an order of magnitude lower than the majority of
reported clinical wear rates for in vivo ceramic prostheses [133,134].

A summary of the in vitro tests realized on the different combinations of materials is presented in
Tables 1 and 2, for soft and hard bearings, respectively.

Table 1. Soft bearings’ wear rates found in vitro through simulators.

Soft Bearings Paired Materials * Overall Wear Rate (mm3/Mc) Ref.

MoP
CoCr—XLPE 6.71 ± 1.03 [135]

Biolox®Delta—XLPE 2.0 ± 0.3 ** [136]

CoP

CoCrMo—XLPE 4.09 ± 0.64 [137]
Alumina—XLPE 3.35 ± 0.29 [138]

Alumina—PE 34 [139]
ZTA—PE 80 [140]

* all the abbreviations are reported at the end of the manuscript. ** only in this case the unit of measure is mg/Mc.
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Table 2. Hard bearings wear rates found in vitro through simulators.

Hard Bearings Paired Materials * Overall Wear Rate (mm3/Mc) Ref.

CoM
CoMplete 0.129 ± 0.096 [141]

Biolox®Delta - CoCrMo 0.02 ± 0.01 [142]
Biolox®Delta-CoCrMo 0.87 [28]

CoC

Biolox®Forte-Biolox®Forte 0.052 [28]
Alumina-Alumina 0.03 [143]

ATZ-ATZ 0.024 [143]
ATZ-ATZ 0.06± 0.004 [144]
ZTA-ZTA 0.14± 0.10 [144]
ATZ-ZTA 0.18 [145]

ATZ-Alumina 0.20 [145]
Alumina-Alumina 0.74± 1.73 [144]

Biolox®Delta-Biolox®Delta 0.10 [146]

MoM
CoCrMo-CoCrMo 0.60 ± 0.18 [142]
CoCrMo-CoCrMo 0.11 ± 0.055 [147]

* all the abbreviations are reported at the end of the manuscript.

6. Discussion

Since its first application, THA has evolved in both terms of material and design. After a first
experimental phase, that went along many failures, the UHMWPE was established as the most
widespread material to be used as acetabular component. The arrival of CoCrMo destabilized its
supremacy for a while but the combination of the two resulted in great pairing. Ceramics are the
most recent materials introduced in the orthopaedic field, having the best tribological behavior, they
rapidly achieved great success. During the 1970s and 1980s, the great majority of hip prostheses in
clinical use incorporated a polyethylene acetabular liner bearing against a femoral ball of metal or
ceramic. The willing to resolve the issues of hip implants pushed many researchers to study the various
combinations of materials and to introduce some variation of their characteristics. These alternatives
included highly cross-linked, thermally stabilized polyethylenes against metal, composite ceramics.
The latter composites realized with ceramic matrix are the most successful ones.

The biomaterials used in the orthopedic field play a vital role, and their validation through
in vitro tests is of paramount importance. The main objective in the field of biomaterials for hip
implants is the reduction of failure incidences. We believe that knowledge of wear rate is an important
aspect in the pre-clinical validation of prostheses. Wear tests are executed on materials and designs
used in prosthetic hip implants to control their final quality and obtain auxiliary knowledge on the
tribological processes. Researchers should not forget that other issues still impact the life expectancy
of the prostheses, such as the sensitivity of the cup position and edge loading in ceramic bearings.
Therefore, several steps forward are required to improve the overall performance of the implants,
such as the ability to sustain high demand activities—for young patients—and preserve the bone from
retro-acetabular loss.

New implant concepts, such as hip resurfacing and shorter cementless hip stems, are today mostly
used in Europe and may also influence the future of hip arthroplasty. Considering that the number
of patients who undergo total joint arthroplasty, and consequently revision, is increasing due to an
aging population, patients remain the principal players in this process. There is also an increase in
the economic health expense, so it is necessary to reduce the number of revisions to reduce these
costs. Knowledge of the behavior of individual prostheses in certain clinical conditions may help in
this matter. Nowadays there are many prosthetic models on the market and few scientific evidence
of good methodological quality to support the use of most of them. Under these conditions, it is
difficult to monitor the use of prosthetic devices and ensure the traceability of the patients in the case
of adverse events.
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Many countries are adopting a registry for post-marketing surveillance in order to collect data
on joint prosthetic performance. Registries can be compiled at the international, national or regional
level but also locally, such as in hospitals [148]. Through the registers, it is possible to evaluate the
effectiveness of an implant, its lifetime and performance for the treatment of specific cases. Registries
are an important tool for research; they allow the identification of patients with a certain condition
or outcome for prospective observational studies of large size. In this way, the registry can educate
the surgeon to select the best type of prosthesis and surgical technique. Consequently, the healthcare
resource will be properly used.

7. Conclusions and Future Prospects

The future of total hip replacement should be perceived as a divergent tendency for developed
and developing countries. Advances in technology, improved materials and better understanding of
natural tissue reactions will certainly result in breakthroughs of implant selection. Due the ageing of the
population, the number of joint replacement surgery has increased in the last years [149]. Consequently,
also the number of revision surgeries is growing, as the life expectancy of patients is longer than that
of prostheses [150,151].

Current trends in prosthesis design emphasise the use of biocompatible materials that are strong
enough to withstand the more active lifestyles of many patients, whilst generating minimal wear
debris. As the main issue affecting the long term durability of prosthesis is wear and the propagation
of wear particles, vast research is currently being undertaken to improve such biomaterials to give
an “infinitive prosthesis life”. Analysis of component wear is therefore essential for future progress;
retrieval analysis of a well-functioning bearing prosthesis could help in improved the biomaterials.
Controversy regarding the safety of metal-on-metal bearing surfaces still remains, particularly in
relation to metal ion release and potential hypersensitivity reactions [152–154]. Ceramic-ceramic
implants have been demonstrated to provide the lowest wear rates in comparison to other material
options possible for ceramic-on-ceramic THA [9,98,155]. Trends in material development are also
strongly influenced by the desire to improve hip function and stability through the use of increased
head diameters [97]. Today, there is a large number of prosthetic models on the market and limited
scientific evidence of good methodological quality to support their usage; the expected costs of
treatment in a decade perspective amount to a fraction of what they turned out to be. Worldwide,
countries should develop strategies to tackle the problem of increasing demand for medical services in
a more simplified and inexpensive way, as they may not even be capable of absorbing the technology
in the absence of infrastructure, lack of training and know-how. Prevention, i.e., appropriate dietary
and lifestyle modifications, may be important to reduce hip implants. In addition, as mentioned above,
countries should adopt registries for post-marketing surveillance. Such registries should collect all data
on joint prostheses performance in order to evaluate the effectiveness of an implant, its lifetime and
performance for the treatment of specific cases. In this way, the registry can educate the surgeon on the
best type of prosthesis and surgical technique or to improve preoperative planning [3]. Consequently,
the healthcare resource will be properly used. In conclusion, based on the increase in hip implants in
young and older patients, the development of new biomaterials correlated with the lower wear-rate,
and the systematic collection of limited essential information on the surgery and the definition of a
single endpoint, the failure of the system and its replacement, allow us to monitor the device over time
after its market introduction. This may help the surgeons to improve the quality life of the patient in
the near future.
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Abbreviations

Alumina toughened ATZ
Ceramic-on-ceramic CoC
Ceramic-on-metal from CoMplete
Cross-linked XLPE
Metal-on-metal MoM
Metal-on-polyethylene MoP
Polytetrafluoroethylene PTFE
Polyetheretherketone PEEK
Total hip arthroplasty THA
Ultra-high molecular weight polyethylene UHMWPE
Zirconia toughened alumina ZTA
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