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positioning of the contacting nodes through the ABAQUS UMESHMOTION subroutine within an
adaptive meshing constraint.

2.1.1. Verification

McColl et al. [29] and Ding et al. [28] developed an algorithm based on the Archard equation in
order to simulate fretting wear for a pin-on-disc testing system. They reported surface profiles of the
disc after various cycles of fretting wear. In order to verify the UMESHMOTION code developed for
the head-neck junction in this study, a pin-on-disc model was first generated to replicate the Ding’s
model. This model had a very similar configuration (materials, geometry, element sizes, meshing
structure, normal force, and sliding amplitude and frequency). The surface of the disc after the fretting
wear process was evaluated (Figure 2) and compared with the results reported by Ding et al. [28].
Table 1 provides a comparison between the results of this study and those presented by Ding et al. [28]
in terms of the width and height of the wear profile for the disc, which shows a very good level of
agreement and verifies the UMESHMOTION code and its accuracy used in this study.

Figure 2. The distribution of displacement in the Y-axis (in meters) representing material removal
from the surface of the disc under a normal force of 1200 N and a sliding amplitude of 10 μm after
18,000 cycles of fretting wear.

Table 1. The width and height of the wear profile for the disc after various fretting wear test cycles.
A comparison between the computational results of this work and those presented by Ding et al. [28].

Comparison
Wear Profile Parameters

on the Surface of the Disc
After 1000

Cycles
After 5000

Cycles
After 18,000

Cycles

Results of this work
Width, w (mm) 0.3512 0.7123 0.9331
Height, h (mm) 0.0013 0.0042 0.0092

Results reported by
Ding et al. [28]

Width, w (mm) 0.3834 0.7644 0.9754
Height, h (mm) 0.0013 0.0042 0.0092

2.1.2. Fretting Wear Model for the Head-Neck Taper Junction

The most critical plane of the head-neck junction that was previously identified by the 3D FE
analysis was used to develop a 2D fretting wear model for the taper junction. Figure 2 illustrates
the mesh structure of the 2D head-neck junction model and the profile of the corresponding force
components (from the normal walking gait cycle) applied to this plane.

For the Archard wear equation (Equation (2)), the wear coefficient-to-hardness ratio (K) for the
CoCr/CoCr head-neck combination was determined from a set of experimental results reported by
Maruyama et al. [31]. They employed CoCr/CoCr pin-on-disc experiments under various normal
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contact stresses and sliding cycles in a phosphate buffered saline (PBS) condition. From their results
and using the Archard equation, the wear coefficient-to-hardness ratio was determined for nine cases
tested in their study. The nine K values were found to be very close with a maximum difference of
10% from which an average of K = 1.7 × 10−15 Pa−1 was calculated and used for the CoCr/CoCr taper
junction model.

The coefficient of friction between CoCr and CoCr in the PBS condition was also obtained from the
results reported by Maruyama et al. [31]. Their results for different contact stresses and cycles showed
that the friction coefficient becomes constant at 0.60 after approximately 5000 cycles, which was used
in the FE simulations of this work.

The authors’ previous work [23] showed that head-neck taper junctions with distal angular
mismatches have generally a better resistance to fretting wear when compared to junctions with
proximal angular mismatches. Hence, in this paper, a small yet realistic distal angular mismatch (0.01◦)
was chosen for all the cases in order to investigate the influence of the assembly load.

The adaptive FE simulation was used to simulate the fretting wear process for one million loading
cycles. An adaptive time stepping [28] was used in the simulations with an assumption of constant
wear rate during a certain number of cycles (ΔN). After several preliminary simulations, it was found
that ΔN should not be assumed the same for all the periods of loading cycles. Due to the existence
of a very small mismatch angle in the geometry of the interface (distal contact type with an angular
mismatch of 0.01◦), large contact pressures were induced over the small contacting area at the first
loading cycles, which showed that care should be taken for the selection of ΔN. During the fretting wear
process, the contacting area expanded gradually, which then reduced the contact pressure. Therefore,
ΔN was carefully changed from 50 to 800 loading cycles over the entire fretting wear process. The size
of the elements was refined several times and 0.10 mm was found as the most suitable length of the
element edge in the contact area, which could provide mesh-independent results. Figure 3a shows
that the first layers of the head and neck materials at the interface were meshed with very small
structured quadratic elements. These elements need to be small enough to correctly model the contact
pressure and relative displacement over the contact area. The sublayers were then meshed by free-quad
elements, which allow increased element sizes away from the contact area. The third part of the head
and neck models was again meshed by relatively large structured elements. This meshing structure
considerably reduced the solution time while providing accurate results. To simulate the interaction
between the head and neck, both normal and tangential contact behaviors were defined. Normal
contact was simulated using a surface-to-surface contact algorithm within ABAQUS via the “hard”
contact option. The tangential interaction was modelled with a classical isotropic Coulomb friction
model that was implemented with a stiffness (penalty) method.

The 2D fretting wear model of the CoCr/CoCr taper junction was assembled with four different
assembly forces of 2000 N, 3000 N, 4000 N, and 5000 N. A PYTHON code and a MATLAB code were
developed to report the contact pressures and relative micro-motions at the contact interface, and to
find the material loss in the form of worn area from the surface at various cycles (up to 1,025,000 cycles)
of normal walking gait loading.
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Figure 3. (a) Mesh structure of the 2D model of the most critical plane of the head-neck junction and
(b) profile of corresponding forces in Y and Z axes from the normal walking gait cycle.

3. Results

3.1. Contact Pressure and Contact Length

As shown in Figure 4, when increasing the assembly force from 2000 N to 5000 N, the contact
pressure increased in magnitude over the length of the neck, and the contacting region between the
head and neck (contact length) also increased toward the proximal side of the neck. This confirms that
a higher assembly force can further push the neck into the head, which induces greater normal contact
forces. Thereby, larger contact pressures and more engagement between the head and neck surfaces
(longer contact). As more loading cycles were applied (increase in the number of cycles), the peak
contact pressure decreased in magnitude. The maximum magnitude of contact pressure for cases with
assembly forces of 2000 N, 3000 N, 4000 N, and 5000 N decreased from 206, 257, 265, and 337 MPa
at 25,000 cycles to 169, 243, 258, and 294 MPa at 1,025,000 cycles, respectively, in the super-lateral
sector of the neck. These graphs can also help investigate the contact length between the head and
neck. Non-zero contact stresses at any region of the surface indicate that there is contact between the
head and neck in that region. After 25,000 cycles, the percentage of the neck, which is in contact with
the head for cases with assembly forces of 2000 N, 3000 N, 4000 N, and 5000 N, were 48%, 64%, 75%,
and 79%, respectively. These total contact lengths remained nearly constant after 1,000,000 cycles of
fretting wear.
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Figure 4. Variation of normal contact stress over the neck length in both super-lateral and infero-medial
sectors under different assembly forces and after 25,000 and 1,025,000 loading cycles.

3.2. Micro-Motions

For all the assembly forces, the micro-motion at the contacting interface tends to increase from
the proximal side to the distal side (Figure 5) and the magnitude of the micro-motion reduces when
increasing the assembly force. The junction assembled with 2000 N had the largest micro-motions
compared to the other cases with a range of 0.41 to 0.51 μm. There appears to be minimal changes in
the micro-motion after 1,000,000 load cycles (Figure 5).

Figure 5. Relative micro-motion at the contacting interface over the neck length (super-lateral sector)
for different assembly forces after 25,000 and 1,025,000 cycles.
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3.3. Material Loss

Material removal over the neck length was calculated as the total area under the curve of wear
depth versus the neck length in both the super-lateral and infero-medial sectors. This represents the
lost area from the original edges (super-lateral and infero-medial sectors) of the 2D model. It can be
seen in Figure 6a that the trend of the lost area over the number of loading cycles is linear for all of the
assembly forces studied. The values of area loss for different assembly forces and at different cycles
were almost equal in both the head and neck. Therefore, this figure only presents the area losses of
the neck. Increasing the assembly force results in an increase in the lost area at the taper junction.
For instance, when the assembly force was increased from 2000 N to 5000 N, the area loss increased
from 5.28 × 10−3 mm2 to 16.3 × 10−3 mm2 in the neck after 1,025,000 cycles.

Figure 6b shows the effect of assembly force on the rate and location of the fretting wear damage
in the form of wear depth (after 25,000 and 1,025,000 number of cycles) in the neck. It is noted that very
similar depth of wear results were found in the head at the same number of cycles. These graphs can
help compare the wear depth at different assembly forces, and locate the wear damage at the interface.
It can be seen that the wear depths in the assembly force of 5000 N (with a maximum 0.779 μm) was
significantly higher than that of the assembly force of 2000 N (with a maximum 0.413 μm).

 

 

 

 

 

 

 

 

 

 

 

Figure 6. (a) Lost area versus number of cycles for different assembly forces and (b) depth of wear over
the neck length after 1,025,000 cycles.
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4. Discussion

In this work, the fretting wear mechanism and material loss were investigated in a CoCr/CoCr
head-neck junction with a real angular mismatch in a PBS solution and under normal walking gait
loading. The junction was assembled with various forces ranging from 2 kN to 5 kN to represent
low-to-high impaction forces applied by surgeons in practice. The area loss from the edges of the
most critical plane of the junction (as an indicator of material loss in the junction) showed a linearly
increasing pattern over the fretting wear cycles. This could help estimate the degree of material loss
after several million cycles of fretting wear.

The results of this work revealed that contact pressure, contact length, and relative micro-motion
at the interface of the junction are the key parameters that can influence the material loss caused
by fretting wear. Figure 5 showed that, when increasing the assembly force, relative micro-motion
between the head and neck components reduces considerably, which offers more stability to the
junction. According to the Archard equation, wear is proportional to both the contact pressure and
relative micro-motion (amplitude of sliding). Even though the relative micro-motions decrease in
the firmly assembled junctions, the significant increase in the contact pressure (induced over greater
contact regions) leads to a net increase in fretting wear and, consequently, material removal. The results
showed that a higher assembly force can induce a longer contact at the interface. This can extend
the surface on which fretting wear is to occur and can, therefore, increase the extent of material
removal. As shown in Figure 6a (for the studied taper design and material combination), increasing
the assembly force results in more material loss. This is in contrast with the English’s results [22]
where higher assembly forces were reported to reduce fretting wear. On the other hand, Bitter’s
experimental results [18] showed no rational relation between the assembly force and the volumetric
wear. The wear volume reduced when increasing the assembly force from 2 kN to 4 kN, and then
slightly increased when increasing the assembly force from 4 kN to 15 kN. They found large standard
deviations in their wear volume results (no significant difference between the three tested assembly
forces). Bitter’s FE simulations were too simplified and did not incorporate geometry updates to
account for material loss due to the process of fretting wear. One immediate difference between the
two previously mentioned studies and the present work is the material combination. In this study,
the material combination is CoCr/CoCr, while they used CoCr/Ti and Ti/Ti combinations. Material
properties, particularly the modulus of elasticity, can influence the behavior of the contact, especially
the relative micro-motion. The angular mismatch within the junction is the major difference between
the present work and their studies. The authors have previously shown that the existence of angular
mismatch has a significant effect on the contact length, contact pressure, relative micro-motion, and,
accordingly, the wear damage [23]. In English’s model, zero mismatch was assumed between the
head and neck taper angles. Therefore, the contact length would always be constant (due to having
no angular mismatch).Furthermore, increasing the assembly force reduces the relative micro-motion
at the head-neck interface, which, in turn, reduces the amount of material loss. However, in this
work, the contact between the head and neck is not perfect. Therefore, increasing the assembly force
increases the contact length in the head-neck junction, which results in increasing the material loss.
Bitter’s et al. [18] did not mention if there was an actual angular mismatch in their head-neck samples.
Therefore, valid statements cannot be made to directly compare and discuss their results with those of
this study in terms of the mismatch angle’s influence.

Assembly force, as an intraoperative surgical parameter, can play an important role in the
fretting wear damage to the head and neck components. This study was developed for a particular
design including a CoCr/CoCr material combination with a distal angular mismatch of 0.01◦. This,
together with the contradicting results reported previously [18,23], may suggest that further research
is required to investigate the influence of the assembly force on the fretting wear behavior, considering
various angular mismatches as well as different material combinations and loading profiles of other
daily activities before making a certain suggestion to clinicians in terms of a recommended force for
assembling head-neck taper junctions. Moreover, fretting corrosion in the head-neck taper junction is a
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combination of mechanical fretting wear and electro-chemical corrosion processes. The scope of this
study was to investigate the influence of assembly force (as a mechanical parameter) on the material
loss at the head-neck junction of hip implants. Hence, the model was developed to simulate only the
mechanical fretting wear process in the junction. However, corrosion can play an important role in
the behavior of the contact and, thus, the amount of material loss. The authors of this study have
developed a new adaptive finite element model to simulate fretting corrosion at metallic interfaces [30].
This model has been successfully used to simulate fretting corrosion for only a simple geometry.
Further research is required to use this new and complex model to simulate fretting wear corrosion in
head-neck taper junctions.

5. Conclusions

High assembly forces reduce the relative micro-motions between the head and neck at the taper
junction. However, they can also increase the contact pressures and the contact region at the interface,
which, in turn, may intensify the fretting wear process and, consequently, increased material removal.
The results of this study showed that the effect of the last two parameters (contact pressure and contact
length) was more dominant in wearing out the surface of the studied CoCr/CoCr junction with a
taper angle mismatch of 0.01◦. Hence, when increasing the assembly force, the degree of material loss
increased for this particular design and material combination of the junction studied in this work.
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Abstract: Three-dimensional (3D) printed titanium orthopaedic implants have recently revolutionized
the treatment of massive bone defects in the pelvis, and we are on the verge of a change from
conventional to 3D printed manufacture for the mass production of millions of off-the-shelf
(non-personalized) implants. The process of 3D printing has many adjustable variables, which taken
together with the possible variation in designs that can be printed, has created even more possible
variables in the final product that must be understood if we are to predict the performance and
safety of 3D printed implants. We critically reviewed the clinical use of 3D printing in orthopaedics,
focusing on cementless acetabular components used in total hip arthroplasty. We defined the clinical
and engineering rationale of 3D printed acetabular cups, summarized the key variables involved in
the manufacturing process that influence the properties of the final parts, together with the main
limitations of this technology, and created a classification according to end-use application to help
explain the controversial and topical issues. Whilst early clinical outcomes related to 3D printed
cups have been promising, in-depth robust investigations are needed, partly because regulatory
approval systems have not fully adapted to the change in technology. Analysis of both pristine and
retrieved cups, together with long-term clinical outcomes, will help the transition to 3D printing to be
managed safely.

Keywords: 3D printing; additive manufacturing; orthopaedic implants; total hip arthroplasty;
acetabular cups

1. Introduction

Three-dimensional (3D) printing, also known as ‘Additive Manufacturing’ (AM), of titanium
orthopaedic implants has revolutionized the treatment of massive bone defects in the pelvis due to their
ability to be customized with complex shapes, size and surface geometries; this is more complicated
to achieve with conventional manufacturing (i.e., non-3D printing) methods, such as drop forging
and machining, which are commonly used to produce orthopaedic implants. The greatest impact of
3D printing of orthopaedic implants is, however, still to come: the mass production of millions of
off-the-shelf (non-personalized) implants.

Every year, over 600,000 total hip arthroplasty (THA) procedures are performed in Europe and
1.4 million worldwide; these numbers are expected to grow significantly by 2030 [1–3]. The main
clinical rationale for the use of 3D printed off-the-shelf implants is achieving a successful long-term
fixation with bone to restore biomechanical function of the joint.

The process of 3D printing has many adjustable variables which, taken together with the possible
variation in designs that can be printed, has created even more variables in the final product that
must be understood if we are to predict the safety and performance of 3D printed implants [4–7].
The regulatory approval systems have not yet completely caught up with the change in technology [8];
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surgeons prefer to use implants that have been followed up for several years and have been highly rated
by systems such as the Orthopaedic Data Evaluation Panel (ODEP, UK) [9]. Orthopaedics has already
shown cases of unpredictable outcomes with design solutions that were thought to be revolutionary,
such as metal-on-metal hip replacements [10,11].

This review aims to describe the role of 3D printing of orthopaedic implants, focusing on acetabular
components used in THA. To achieve this, we (1) explain the rationale for 3D printed acetabular cups,
(2) describe the variables and the limitations involved in the 3D printing manufacture, and (3) suggest
a classification for these cups, presenting also the investigation methods and the clinical outcomes of
3D printed cups.

2. Rationale for 3D Printing in Orthopaedics

Although the majority of THA procedures are still performed using conventionally manufactured
cups, acetabular components produced using 3D printing technologies are being increasingly used
for primary and revision hip surgeries. There are advantages and disadvantages of each production
techniques (Table 1). In terms of manufacturing, 3D printing enables complex porous structures with
specifically designed pores shapes to be produced, unlike conventional technologies, where the control
over the final architecture of the porous backside coating is limited. Furthermore, customization of
implants can be achieved more easily using 3D printing. In terms of clinical outcomes and investigation
of the implants, the conventional cups have a long-track record, with long-term clinical results, unlike
3D printed; however, aseptic loosening (i.e., loss of fixation without infection) is still one of the most
common reasons for revision [12]. Independent investigations of full-post production 3D printed
acetabular components are currently missing.

Table 1. Summary of advantages and disadvantages of 3D printing and conventional manufacturing
for acetabular components in hip arthroplasty [6,7,12,13].

Factor 3D Printing Conventional Manufacturing

Advantages

• Complex and easily adjusted porous
structure for enhanced fixation

• Cup size optimization
• Easily customized/personalized

• Widespread clinical use
• Long-term clinical outcomes

Disadvantages

• Potential risks and clinical impact
poorly understood

• Absence of implants investigations
• Few reported clinical outcomes

• Poor fixation still an issue in THA
• Limited design freedom
• Customization limited

2.1. Clinical Rationale for 3D Printed Cups

Customized implants

The clinical unmet need addressed by customized 3D printed titanium acetabular implants was
the poor outcome resulting from the use of conventionally manufactured triflange implants, jumbo cup,
cages and augments to reconstruct massive acetabular defects [14–18]. These defects most commonly
occur following previous failed implants. Conventionally manufactured implants failed due to poor
fixation to the bone as a result of the complex shape of the defect and low surface area of host bone
with good blood supply. 3D printed implants have overcome both of these problems (Figure 1a).
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Figure 1. Images showing backside and internal surface of (a) custom and (b) off-the-shelf 3D printed
implants. Post-operative X-ray images are also shown.

Off-the-shelf

One of the commonest reasons for the failure of orthopaedic implants is loosening from the
bone [19]. Several factors are responsible for this including poor bone quality, the presence of metabolic
bone diseases, pathological bone anatomy or conditions due to previous surgeries [20,21]. 3D printing
creates implants with highly porous structures for enhanced fixation, matching bone characteristics
such as pore size, coefficient of friction and modulus of elasticity to avoid stress shielding. Porosity
and properties similar to cancellous bone may enable bone-implant interactions that lead to primary
stability, bone ingrowth and osseointegration [22].

3D printed, off-the-shelf implants can also be designed to optimize hip joint biomechanics and
cup size. Surgeons try to use the 36 mm heads for greater stability [23,24], but this is difficult to
achieve with conventional implants in a size suitable for most women unless they can be made with
thinner walls. 3D printing can achieve this, allowing surgeons to use large femoral head size options
(e.g., 36 mm diameter) with smaller acetabular cups (e.g., 48 mm diameter). It is not clear, however,
what impact this design modification may have on the mechanical properties of the cup (Figure 1b).

2.2. Engineering Rationale for 3D Printed Cups

The ISO/ASTM 52900 standard defines 3D printing as ‘the process of joining materials to make
parts from 3D model data, usually layer upon layer, as opposed to subtractive manufacturing and
formative manufacturing methodologies’ [25]. From an engineering perspective, the greatest advantage
of 3D printing, when compared to conventional techniques, is the design freedom enabled during the
Computer Aided Design (CAD) process. Unlike conventional methods, tools such as molds are not
needed, reducing the cost of the final part; therefore, increased complexity in the structure of the 3D
printed object does not involve higher costs.

To date, 3D printing involves a lower cost-per-part than conventional manufacturing when the
number of parts is below a certain threshold, but with the increased adoption of this manufacturing
technique, this threshold will grow [6]. It has also been estimated that the consumption of raw
materials may be reduced up to 75% [26]. Acetabular cups with complex architecture and controlled
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mesostructure (structure associated with pores and porosity) can be designed and made, integrating
porous and dense regions.

3. 3D Printing Manufacturing Process, Limitations and Risks

Both conventional and 3D printing technology use Titanium-6-Aluminum-4-Vanadium (Ti6Al4V)
alloy, due to its biocompatibility, mechanical strength and corrosion resistance [27,28]. Guidelines
regarding the properties of Ti6Al4V as a material for surgical implants are defined by both the
International Organization for Standardization (ISO) and the American Society for Testing and Material
(ASTM) standards [29–31]. However, we must be aware of the limitations and risks of defects that
are unique to the 3D printing process, together with the potential impacts of these when present in
orthopaedic implants.

3.1. Manufacturing Process

Conventional manufacturing technologies start production of the implant from a dense block
that is machined into the shape of an acetabular component, using techniques such as computer
numerical controlled (CNC) machining of wrought or cast bars, powder metallurgy, drop forging and
casting [27,32]. The component is then finished using wet or coarse blasting on the external surface to
obtain roughened areas, and post-processing the internal surface to obtain the required dimensional
tolerances and minimal friction for an optimal seating of the liner [27]. The backside coating is applied
at a later step using different methods such as solid state processing (powder metallurgy, sintering of
powders and fibres), vapour deposition or plasma spray [22,33–35].

The 3D printing, or additive manufacturing, methods used to manufacture acetabular cups are
classified as Powder Bed Fusion (PBF) technologies, where an energy source (laser or electron beam)
selectively melts specific regions of a powder bed. Two different processes fall under the PBF category:
selective laser melting (SLM) [36,37] and electron beam melting (EBM) [7,38–41]. In the pastdecade
3D printing has evolved, leading in 2007 to the first acetabular component produced using EBM to
obtain the CE-certification (Figure 2) [42]. To date, several companies have commercialized machines
with laser powder-bed hardware (EOS GmbH, Kraillin, Germany; SLM Solutions, Lübeck, Germany;
Concept Laser, GE Additive, Lichtenfels, Germany; Renishaw, Wotton-under-Edge, UK; 3D Systems,
Rock Hill, SC, USA) and one company (Arcam, GE Additive, Mölndal, Sweden) with electron beam as
the energy source [6,43,44].

 

Figure 2. Timeline chart of the evolution of 3D printing in orthopaedics (EBM, electron beam melting;
SLM, selective laser melting).

These 3D printing processes are guided by CAD files containing the model of the part to
manufacture. With the layer-over-layer process, once a layer of powder has been selectively melt,
the build platform is lowered, new powder is deposited and raked, and the process is repeated until
the object is built [45]. Adherence of the current layer to the rest of the part is achieved by re-melting of
previous layers. The whole implant (dense and porous parts) is produces in a single step, although
post-processing such as powder removal, heat treatment or post-machining are required [4,6,37,43,44].
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It has been estimated that more than 130 variables are involved in PBF [46,47]; a schematic summary of
some of these variables is presented in Figure 3.

 
Figure 3. Flowchart of the powder bed fusion process showing the main variables involved. The output
properties of the final part are determined by feedstock quality (metal powder), software and hardware
specifics, and post-processing.

The feedstock quality is the first ‘macro-variable’ to determine the properties of the final implant.
Powder characteristics, such as size, shape, chemical composition and surface morphology depend
on the powder production technique (gas atomization, rotary atomization, plasma rotating electrode
process, plasma atomization); these influence properties like flowability (how well a powder flows),
apparent density (how well a powder packs) and thermal conductivity of the whole powder bed [43,44].
Smaller powder particles are used in SLM, compared to EBM, leading to a smoother surface finish due
to decrease of the size of satellites formed during melting and reduction of layer thickness; this has an
effect on the overall roughness, which is higher in EBM-manufactured components [44]. Moreover,
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powder chemical composition must be within the alloy specifications, especially when the material
is recycled and the possibility of contamination with oxygen or other gases is present. It has been
demonstrated that oxygen content can increase up to 0.19% in weight over 21 reuse cycles [48], implying
that powder can be reused, but titanium and its alloys are known to oxidize and suffer embrittlement
when the oxygen content increases [49].

The second ‘macro-variable’ is defined by the software system; the CAD model represents the
ideal final shape of the part to build, but it has to be converted into a surface tessellation format
(STL) and sliced into layers in order to generate the manufacturing information for each cross-section.
The conversion CAD-to-STL may represent a source of error with loss of resolution because the
STL format simplifies the component geometry into a set of triangular facets connected at the
vertices [4,47,50]. Moreover, the spatial position and the orientation of the components in the build
chamber may influence the geometrical accuracy of the part, because different temperature gradients
can result in the powder bed [51].

The third ‘macro-variable’ is represented by the hardware of the machine. SLM works using a
laser source, a system of lenses and a galvanometer (scanning mirror) to position the beam; the laser
heats and melts the powder when photons are absorbed by the powder particles (Figure 4a). EBM uses
a filament (usually made of tungsten) as source of electrons, a magnetic coil to collimate and deflect
the beam spatially and a column for the electron beam, resembling a high-power scanning electron
microscopy (SEM) (Figure 4b). In this case, the powder is heated by the transfer of kinetic energy
from incoming electrons, generating also increasingly negative charge on the powder bed. In order to
reduce this, the EBM energy is more diffuse (i.e., larger heat-affected powder zone) and helium gas is
injected during melting to dissipate the charge; this leads to a larger minimum feature size that can be
produced and to the use of larger powder particle size [34,43–45]. In general, the small feature size that
both SLM and EBM can manufacture allows to print the meshes or foam structures that are present in
orthopaedic implants such as acetabular cups [52].

Figure 4. Schematic representations of the two-powder bed fusion machines used to manufacture
orthopaedic implants: (a) selective laser melting (SLM) and (b) electron beam melting (EBM). The two
technologies use the same powder-bed principle for layer-by-layer selective melting, but hardware and
process differences are present.

Other variables to be considered in the 3D printing processes can be summarized as follows: scan
speed, which is higher in EBM because magnetically driven, while in SLM depends on the galvanometer
inertia; layer thickness, which determines how much powder is distributed to the melt surface and
is greater in EBM because of larger powder particles size and beam focusing; powder deposition,
which is delivered by a powder hopper and a metal rake in EBM and by variable feeding systems
(hopper or dispersing piston) and re-coating systems (soft blades or roller) in SLM; build chamber
atmosphere, which is filled with inert gas (argon or nitrogen) to avoid oxidation in SLM and is under
vacuum (<5 × 10−4 Pa) to generate the electrons and prevent any contamination in EBM [43,44].
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A fundamental step of the building process is the cooling phase, which determines both
microstructural and mechanical properties of the 3D printed part. This process is influenced by
parameters such as scan strategy (path followed by the heating source) and temperature of the powder
bed. The higher energy input of the electron beam heats the surrounding loose powder, generating a
higher temperature in the chamber (400–1000 ◦C), compared to SLM (100–200 ◦C), where heaters are
used to avoid temperature drops on the build platform. Therefore, the thermal cycling experienced
by the metal (simultaneous melting of the top powder, re-melting of underlying layers and cooling)
is different between the two PBF techniques, resulting in different microstructure (grain size and
orientation, phase distribution). Laser-built components experience the presence of residual stresses
which must be relieved [4,43,44]. A summary of the differences between SLM and EBM is presented
in Table 2.

At the end of the building process, the part is considered “as-fabricated” and requires
post-processing steps. Excess powder and support structures must be removed; thermal treatment can
be applied to reduce residual stresses in the structure and enhance the overall mechanical properties.
Machining can also be used to modify the surface finish, influencing the actual part tolerance, minimum
feature size and surface roughness of the end-use component. As example, surface roughness is
influenced by the layering effect (‘stair-step effect’), by the actual roughness of the powder particles (finer
powder means smaller satellites formation) and by post-processing steps. Similarly, the geometrical
accuracy depends on the setup of the machine and post-processing treatments [43,44]; it has been
suggested that EBM tolerance capability is about ±250/300 μm [53,54].

The mechanical properties of the final part depend on the microstructure that is formed during
the building process, which in turn depends on the parameters of the technology [45].

At room temperature, the Ti6Al4V alloy is made of α- and β-phases; after being processed using
EBM or SLM, different microstructures are generated [43]. The low cooling rate experienced during
EBM enables the β-phase formed during the process to transform back to α-phase, whilst the high
cooling rate of SLM generates martensitic α’-phase. This is usually removed using post-processing heat
treatments. Overall, the thermal history (melting and cooling), the quality of the feedstock, the potential
presence of structural defects, the component size, the energy source density and the scanning strategy
are the main factors affecting the final mechanical properties [55–57]. The layer-over-layer building
process also creates anisotropy in the build direction (i.e., Z-direction).

Table 2. Main parameters of the main parameters of selective laser melting (SLM) and electron beam
melting (EBM) [37,42–44,58–60].

Features SLM EBM

Heat source Laser beam (up to 1 kW) Electron beam (60 kW)
Scan speed Limited by galvanometer inertia Fast, magnetically driven

Powder size 10–45 μm 45–106 μm
Minimum beam size 50 mm 140 mm

Beam/melt pool dimension 0.5–1.5 μm 2–3 μm
Layer thickness 20–100 μm 50–200 μm

Chamber atmosphere Argon or nitrogen Vacuum (+helium)
Environment temperature Build platform at 100–200 ◦C Chamber at 400–1000 ◦C

Powder pre-heating Using infrared or resistive heaters Using electron beam
Surface finish Excellent to moderate (~20 μm) Moderate to poor (~35 μm)

Residual stresses Yes No

If the 3D printed part also includes porous structures, as with acetabular cups, the mechanical
properties of the whole component will differ and depend on the behaviour of this region,
as demonstrated by Murr et al. [13]
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3.2. Limitations and Potential Risks of 3D Printing

Dimensional accuracy, optimal surface roughness and minimization of residual stresses in the
material structure are key aspects of 3D printed parts for critical applications like medical implants.
These can be achieved choosing the most adequate powder feedstock, correctly designing the final
object and selecting the best machine parameters. However, 3D printing shows limitations that leads
to the presence of defects in the built part.

One of the most common limitation is represented by the presence of voids or pores in the
structure of the final part, which can affect its mechanical properties [45]. These defects can be due
to the properties of the powder feedstock or to suboptimal building conditions. Spherical gas pores
entrapped in the powder particles can be transferred to the final object if the powder is not completely
melted; similarly, gasses of the build chamber can be entrapped in the melt pool during the process,
resulting in spherical voids [61]. Another source of defects is the so-called ‘keyhole melting’ mode,
where the depth of the melt pool is controlled by the evaporation of the metal due to the high-power
energy source. If the vapor cavity collapses, then almost spherical voids are left behind [62]. Voids with
elongated shapes can also be generated if a lack of fusion between subsequent layers occurs (lack of
fusion defects) [63].

Another common limitation is given by the presence of solid powder particles partially attached to
the surface of the built part (Figure 5); if the energy source is too low, then the powder is not completely
molten, whilst if it is too high, the molten pool can form small ‘islands’ that generate particles (‘balling
phenomenon’) [45].

 
Figure 5. Scanning electron image (×150) taken at our laboratory showing a 3D printed part with
presence of partially molten powder particles attached to the surface of the object. The part was
manufactured using electron beam melting.

Cracking and delamination are other possible defects exhibited by 3D printed parts; these can occur
due to solidification shrinkage (thermal contraction) of the structure, which subsequently generates
tensile stresses that form cracks at the grain boundaries if the strength of the material is exceeded.
When the residual stresses overcome the strength of the metal at the interface of subsequent layers,
then a delamination phenomenon of these consecutive layers can occur [45]. When the temperature
of the melting material is too elevated, a phenomenon of loss of alloying elements can also occur.
This depends on the metal alloy and can cause modification in the alloy composition [64].

At the end of the manufacturing process, the as-fabricated part needs to be cleaned from the
residual unmolten powder [43]. The complex porous structures that can be produced with 3D printing
have made this cleaning process challenging [35,65,66].

Although all these limitations and the presence of defects have been widely reported in 3D
printed parts, few studies have addressed this for medical implants. In a comprehensive review on
additive manufacturing of medical instruments, Culmone et al. [66] highlighted how the presence
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of debris in the final component is still a technical issue that needs to be addressed. Another study
by du Plessis et al. [67] identified pores in the material structure of a nasal cavity implant made of
Ti6Al4V produced using SLM; these pores were in the range 10–60 μm, according to the region
analyzed. In general, an issue found with 3D printed device related to surgery, such as anatomic
models and surgical guides, is the non-satisfactory accuracy of the final components compared to the
initial model [68].

It cannot be excluded that some of these defects are present in 3D printed acetabular cups,
although no studies have reported this. It can be speculated that if some defects were to be found, then,
there might be implications for the implant’s properties and performance. As an example, the presence
of unmolten particles on the surface of the cups might lead to the release of titanium.

To date, 3D printed implants have received both the Food & Drug Administration (FDA)
and CE marking approval. In the United Kingdom, three 3D printed acetabular cup designs are
currently going through the Beyond Compliance initiative, which monitors new or modified implants
placed on the market. The substantial equivalence to other legally marketed devices, regarding
safety and effectiveness, is still applied as a principle to clear implants, including 3D printed cups.
These components are treated as conventionally manufactured implants, since the intended use (i.e.,
acetabular component for THA) is the same [69].

4. Classification and Analysis of 3D Printed Acetabular Cups

Over fifteen 3D printed acetabular cup designs are currently commercially available (Table 3);
this number has grown constantly since 2007, when the first cups were released (Figure 6). It has been
estimated that more than 60,000 acetabular cups produced using EBM have been used worldwide by
2017 and this number is expected to grow [39].

Table 3. 3D printed acetabular cup designs currently on the market (custom designs are specified) [65,70–80].

Company Cup Brand Porous Structure
Properties:

Porosity; Pore Size

Adler Ortho
(Milan, IT)

Agilis Ti-Por®

Tri-Por™Cup 65%; 700 μm
Custom

Fixa Ti-Por®

Omnia Ti-Por®

PolyMax Ti-Por®

Corin
(Cirencester, UK) Trinity™ Plus Porous Layer Unique

Structure (PLUS) 50–90%; 300–900 μm

Implantcast
(Buxtehude, DE)

C-Fit 3D® (custom)
EPORE® 60%; 100–500 μm

EcoFit®

Lima Corporate
(Udine, IT)

Delta TT

Trabecular Titanium (TT) 65%; 640 μmDelta ONE TT
Delta Revision TT
Promade (custom)

Materialise
(Leuven, BE) aMace® (custom) aMace® 70%; 720 μm

Medacta
(Castel San Pietro, CH) Mpact® 3D Metal™ ~75%; 600–800 μm

Smith&Nephew
(Memphis, USA) Redapt Conceloc Advanced

Porous Titanium ~67%; 202–934μm

Stryker
(Mahwah, USA) Trident® II Tritanium® AMagine™

55–65%;
100–700 μm

Zimmer Biomet
(Warsaw, USA) G7 OsseoTi™ ~70%; 475 μm
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Figure 6. Graph showing the number of acetabular cup designs produced using 3D printing placed on
the market in the past decade. In 2007 there were six available designs, in 2019 the number has reached
seventeen, data from [70–81].

According to their end-use application, the cups can be classified as ‘custom’ or ‘off-the-shelf’.
Considering the design of the porous structure present on the cups, another classification for 3D
printed acetabular components can be suggested.

4.1. Acetabular Cup Classification: Porous Structure Design

Regardless of the end-use application, another classification may take into account the different
porous architectures that each company have developed. The overall aim is to obtain an open-pore
(cellular or lattice) structure that can promote bone ingrowth and prevent a later-stage loosening of
the implant, avoiding micromotion over 150 μm [82]. Moreover, the porous structure can reduce the
risk of stress shielding due to stiffness mismatch between the metallic implant and bone, providing
a lower modulus of elasticity [13,83,84]. Similarly to implants with conventionally manufactured
porous coatings, the fixation efficacy of 3D printed components strongly depends on the geometric
characteristic of the porous structure [33]. A compromise in maintaining the mechanical strength
while providing adequate pore size leads to different porous architectures. The majority of the
specifications are proprietary but the possible methods to define the 3D porous structures are well
established [34,47,85]. Regular (repeated unit cells) or irregular (stochastic, random) structures can
be designed and manufactured, theoretically producing any kind of porous shape; typical design
strategy for periodic regular networks include the use of CAD tools (libraries of unit cells), image-based
structure taken from computed tomography (CT) or magnetic resonance imaging (MRI) data or implicit
surfaces solutions, where a single mathematical equation defines the pore shape [34,85]. These solutions
are usually based on a trial-and-error approach, which is why the so-called ‘topology optimization’
have been applied in order to create structures with desired properties satisfying prescribed constraints.
These techniques have been thoroughly described elsewhere [34]. In general, the quality and the real
dimensions of the mesh may vary significantly depending on design and fabrication process.

An example of a unit cell-based highly porous trabecular structure is represented by Trabecular
Titanium (TT; Lima Corporate, Udine, Italy): a hexagon-shaped structure developed on three planes
which mimics a diamond crystal (Figure 7a) [53,54,86,87]. Differently, a stochastic architecture is
represented by Tritanium (Stryker, Mahwah, NJ, USA), which is a random interconnected structure
with irregular pore size and shape (Figure 7b). An example of porous structure derived from human
CT data is represented by OsseoTi (Zimmer Biomet, Warsaw, IN, USA).
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Figure 7. Scanning electron microscopy images taken at our laboratory showing two examples of 3D
printed porous structures: (a) regular shaped architecture (Trabecular Titanium, TT; Lima Corporate,
Udine, Italy) and (b) irregular shaped architecture (Tritanium; Stryker, Mahwah, NJ, USA). The first
one is produced using EBM, the second one SLM.

4.2. Acetabular Cup Analysis

The number of investigations of 3D printed acetabular designs is limited. A summary of the
analysis methods used for these cups is reported in Table 4.

Table 4. Summary of the investigation performed on 3D printed acetabular cups.

Authors Acetabular Cup Investigation Findings

Davignon et al. [88] Trident II Tritanium

Comparative analysis with
conventional cup of seating
and initial stability in bench

test with foam blocks

3D printed cup showed
significantly higher yield

moment (i.e., failure of
fixation) and lower seating

Kourra et al. [89]
Prototype cup produced

using EBM Arcam
machine

Porous structure analysis
using micro-computed

tomography (micro-CT)

Micro-CT can accurately
provide qualitative and

quantitative data on porous
structure of 3D printed cups

Jahnke et al. [90] Ecofit EPORE

Comparative analysis with
two conventional cups of

primary stability and relative
micromotion in simulator

test with foam blocks

3D printed cup showed
similar micromotion to

conventional cups, within an
acceptable clinical range

Le Cann et al. [91] Unspecified cup by
Alder Ortho

Surface roughness influence
on primary stability in bench

test with foam block and
animal bone

Macro-roughness is good for
osseointegration but has

negative effects on primary
stability if present in the

equatorial region of the cup

Other investigations tools have been suggested to assess the properties of 3D printed samples,
such as electron microscopy, mechanical testing and histology. However, these methods have been
applied to cylindrical or cubic specimens to test the properties of the structure, evaluate bone ingrowth
and the interaction with bone cells [13,32,40,52,53,92–94].

Non-clinical tests, defined as ‘performance tests’ in the FDA 510(k) reports, have been performed
on 3D printed cups in order to determine the substantial equivalence to conventionally manufactured
implants and obtain the certification. Shear testing, both static and fatigue, as well as tensile
testing, deformation testing, locking mechanism strength, range of motion testing, dynamic
compression, fatigue testing, push-out, lever-out and torque-out testing have been carried out
based on standards [95–97]. However, the outcomes of such tests are not publicly available.
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To date, a small number of clinical studies about 3D printed cups have been published for both
off-the-shelf [73,98–102] and custom implants [21,78,103–108].

A registry study by Castagnini et al. [73] compared the survival rate and reason for revision of
a specific 3D printed off-the-shelf design (Fixa Ti-Por; Adler Ortho, Milan, Italy) with all the other
cementless cups used from July 2007 and December 2015 reported in the Registry of Prosthetics
Orthopaedic Implants (RIPO). The AM socket was implanted in 9,864 cases out of 36,787, with similar
patients mean age at the time of surgery (68 vs. 69 years). Significantly higher survival rate (98.7% vs.
97.9%) and lower incidence of aseptic loosening were reported for the 3D printed socket. Steno et al. [98]
reported on the early outcomes (mean follow-up period of 38.14 months) of three AM designs (Delta
TT, Delta ONE TT, Delta Revision TT; Lima Corporate, Udine, Italy) used in 81 revision cases (mean age
68 years) between March 2009 and May 2012. Only one re-revision was performed due to instability of
the acetabular component; in general, encouraging results were showed. Perticarini et al. [99] reported
good clinical and radiographic mid-term results (mean follow-up period of 72.7 months) of the Delta
TT cup (Lima Corporate, Udine, Italy) used in 134 THA and 8 revisions carried out between September
2007 and November 2009 (mean age 57.5 years). At the last follow-up, both improvement of the Harris
Hip Score (HHS) [109] and radiographically stable acetabular components (99.3%) were recorded;
hip dislocation occurred in two cases, aseptic loosening in one patient. Similar clinical and radiographic
outcomes were reported by Gallart et al. [101] regarding the use of Delta TT and Delta Revision TT
(Lima Corporate, Udine, Italy) in 67 revision and 5 primary cases performed between January 2009 and
July 2014 (mean follow-up 30.5 months). Aseptic loosening (2 cases), infection (3 cases) and dislocation
(3 cases) were recorder as reason for re-revision. Massari et al. [100] evaluated the osseointegration
of Delta TT cups (Lima Corporate, Udine, Italy) implanted in 91 primary THA between February
2009 and November 2010 in four centres. Periacetabular changes in bone mineral density (BMD)
were evaluated using dual-emission X-ray absorptiometry (DEXA) at fixed time points after surgery.
An initial decrease in BMD was noted, followed by a progressive increase and stabilization at the
last follow-up (24 months), in accordance with previous studies related to cementless acetabular
components. Significant improvements in HHS and good radiographic outcomes were also reported,
with no revision needed. Short and mid-term (mean follow-up of 58.6 months) clinical and radiographic
results of the AM cups Delta One TT and Delta Revision TT (Lima Corporate, Udine, Italy) were also
described by De Meo et al. [102]. Among the 154 revision procedures (mean age 69.6 years) performed
between December 2008 and August 2015, re-revision was required in 3 cases due to dislocation.
In general, more consistent conclusion about the performance of 3D printed off-the-shelf implants may
be reached with long-term clinical follow-up, which are still unpublished.

Clinical outcomes related to custom-based components mainly concerned the aMace® acetabular
revision system (Materialise, Leuven, Belgium). Colen et al. [103] reported of the successful application
in the short-term of this custom design used in six patients with severe acetabular defects (mean age 69.2
years). Similarly, Citak et al. [21] and Baauw et al. [105] described the clinical outcomes of the aMace®

solution in nine and twelve patients, respectively. Encouraging results were showed, although in the
first study one case needed a further operation due to implant failure at 13 months. The complexity of
the patient condition must be taken into account, considering that the average number of revisions that
patients underwent before being implanted with the custom components were reported to be five and
two, respectively. Baauw et al. [104] reported also of the difficulty to achieve a correct position of the
patient-specific implant comparing pre-surgery plan and post-surgery clinical outcome with CT scans;
seven out of sixteen cases showed malposition in at least one of inclination, anteversion, rotation or
position of the centre of rotation. Other good clinical results on the use of this implant were reported by
Wong et al. [78] and Goriainov et al. [106], with one and eleven patients, respectively. The challenges
in planning and implementation of the operation were highlighted, but satisfactory outcomes were
reached in treating patients with disability or severe bone loss. Myncke et al. [107] reported about the
experiences in using the aMace® technology in Belgium between September 2009 and November 2014.
The overall results suggested that 3D printed custom implant can represent an acceptable solution
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for complex acetabular revisions, despite the cumbersome and time-consuming planning procedure.
A high rate of complications (36%, 8/22 cases) were also reported, concerning mainly dislocations;
this was attributed to the poor quality of the soft tissue in multioperated patients. Lastly, Angelini
et al. [108] reported satisfactory early clinical outcomes (mean follow-up 13.7 months) using both
Promade and C-Fit 3D® in six patients with severe acetabular defects. In general, likewise off-the-shelf
implants, only clinical outcomes in the short-term have been reported for custom-based components.
Moreover, considering the high costs, these implants have been used in a limited number of cases
where the acetabular defects could not be corrected with any other solution. Longer follow-ups and
bigger numbers are required to better understand the performance of AM patient-specific implants.

5. Conclusions

In this review of 3D printed acetabular implants, we compared and contrasted 3D printing with
conventional manufacturing. We defined the clinical and engineering rationale of 3D printed acetabular
cups, summarized the key variables involved in the manufacturing process, and created a classification
of the applications. Whilst early clinical outcomes related to 3D printed cups have been promising,
in-depth robust investigations are needed.

3D printing has already revolutionized the way customized orthopaedic implants are produced
and the same may happen for off-the-shelf implants. Complex porous structures to achieve enhanced
fixation with bone and the printing of personalized shapes are the two main advantages of 3D printing
over conventional manufacture for customized implants. Enhanced porous structures and design
flexibility is the main rationale for the use of off-the-shelf implants.

However, the importance of standardization of all the steps involved in the production process
before implantation in the human body is clear. Both the International Organization for Standardization
(ISO) and the American Society for Testing and Material (ASTM) have released guidelines related to
terminology, design, process, materials and test methods [25,31,110], but significant gaps remain with
respect to the interplay of various parameters in the properties of the final part and how to investigate
the potential presence of defects.

In-depth analysis of the properties of these implants is highly suggested in order to avoid unexpected
wide-scale failures as occurred with metal-on-metal implants [10,11]. A better understanding of the
link between the microstructure, processing and properties of 3D printed components is necessary,
considering the complex thermal cycles and the distinctive layer-over-layer building experienced with
this technology, which are issues uniquely associated with the use of 3D printer technology [6].

Although it is still unclear if this new manufacturing technology is completely suitable for
orthopaedic implants, further analysis of both pristine and retrieved components, together with
long-term clinical outcomes and surveillance of new implants placed on the market, will help the
transition to 3D printing to be managed safely.
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Abstract: The corrosion behaviour of new generation titanium alloys (β-type with low modulus) for
medical implant applications is of paramount importance due to their possible detrimental effects in
the human body such as release of toxic metal ions and corrosion products. In spite of remarkable
advances in improving the mechanical properties and reducing the elastic modulus, limited studies
have been done on the electrochemical corrosion behaviour of various types of low modulus titanium
alloys including the effect of different beta-stabilizer alloying elements. This development should
aim for a good balance between mechanical properties, design features, metallurgical aspects and,
importantly, corrosion resistance. In this article, we review several significant factors that can influence
the corrosion resistance of new-generation titanium alloys such as fabrication process, body electrolyte
properties, mechanical treatments, alloying composition, surface passive layer, and constituent phases.
The essential factors and their critical features are discussed. The impact of various amounts of α and
β phases in the microstructure, their interactions, and their dissolution rates on the surface passive
layer and bulk corrosion behaviour are reviewed and discussed in detail. In addition, the importance
of different corrosion types for various medical implant applications is addressed in order to specify
the significance of every corrosion phenomenon in medical implants.

Keywords: low modulus titanium alloys; corrosion; medical implants; young’s modulus

1. Introduction

The need for biocompatible materials with a good combination of mechanical and electrochemical
properties has been always of great significance for manufacturing medical implants, particularly
load-bearing orthopaedic implants used for joint arthroplasty. Producing implants that can enhance
the longevity in the body is imperative which, in turn, can reduce the possibility of implant failure;
and hence, risky and expensive revision surgeries. Titanium and its alloys have long been used for
biomedical implant applications as they offer a favourable set of properties including high specific
strength, good biocompatibility and high corrosion resistance [1–3]. In terms of osteogenesis, titanium
and its alloys have been reported to possess the greatest biocompatibility in comparison with the other
biometals [4]. Nowadays, Ti-6Al-4V alloys are extensively used for the manufacture of load-bearing
orthopaedic implants such as hip stems that are to live with the surrounding hard and soft tissues in
the physiological media of the body [5,6].

Despite all the aforementioned advantages of Ti-6Al-4V alloy, research has identified some
concerns around the toxicity of aluminium and vanadium present in this alloy. Neurological disorders,
allergic reactions, Alzheimer’s disease and cytotoxicity are of some drawbacks associated with the
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release of Al and V into the body [7–11]. Also, from the mechanical behaviour perspective, the Young’s
modulus of Ti-6Al-4V is approximately 110 GPa [12] that is significantly higher than the stiffness
of the bone (typically 10–30 GPa) [5]. It is known that if there is a substantial discrepancy between
the stiffness of the implant and the adjacent bone, significant stress shielding can occur under the
mechanical loads of daily activities which can result in adverse effects such as bone loss, implant
loosening, and peri-prosthetic fracture [11,13–17].

In order to address the issues associated with the most commonly used alloy of Ti-6Al-4V,
there have been many efforts to develop a new class of titanium alloys (known as β-type titanium
alloys) with reduced levels of stiffness. Any alteration in the chemical composition of Ti alloys
may lead to stabilization of a certain phase and crystal structure: the high temperature Ti has a
body-centered cubic (BCC) crystal structure, β-phase, while the low temperature phase (α) displays a
hexagonal close-packed (HCP) structure (e.g., CP Ti) and the combination of the two phases (α + β)
(e.g., Ti-6Al-4V) [18]. The β-type titanium alloys containing beta-stabilizing elements (e.g., Nb, Ta
and Zr) exhibit many advantages such as lower Young’s moduli that are closer to that of the human
bone (which can mitigate bone loss and implant loosening due to stress shielding), non-allergic and
non-toxic elements such as Nb, Ta and Zr, excellent corrosion resistance due to the formation of more
stable oxide layers and good biocompatibility [19,20]. Body fluid present in the immediate vicinity of
implants contains organic and inorganic solutions of cations Mg2+, Ca2+, Na+, K+, and anions SO4

2−,
Cl−, HCO3

−, H2PO4
−. Also, from the corrosion science perspective, due to the presence of such ions,

the pH of body fluid may fluctuate from acidic to alkaline; and this can cause the open circuit potential
(Eoc) to have different values in various parts of the implant surface. Hence, the adequate driving force
of localized corrosion may increase which can speed up the degradation of the implant material [21].

Titanium alloys spontaneously form a passive oxide layer (mainly TiO2) that, to some extent,
can protect these alloys against corrosion because of its thermodynamic stability, chemical inertia,
and low solubility in the body fluids [22]. However, severe corrosion can occur when this passive
oxide layer is mechanically disrupted. In such situations, aggressive Cl− ions may attack the implant
material surface. For instance, fretting wear is known to occur at the interface of modular junctions (for
example, head-neck taper junction of hip implants) due to relative micro-motions [23–26]. The fretting
wear disrupts the passive oxide layer causing corrosion to occur in the alloy in vivo. Moreover, it
is important to mention that metallic ions released due to the corrosion process can cause adverse
reactions in the body resulting in implant revision surgeries due to the release of toxic ions in the
body [23,27–29].

Now that new generation Ti alloys have been already developed with lower Young’s moduli
(much closer to bone when compared to widely used Ti-6Al-4V) and that they have shown good
biocompatibility, it is important to review their corrosion behaviour and electrochemical characteristics.
There are various groups of new generation titanium alloys that may offer different levels of corrosion
resistance in the body fluid depending on their chemistry (alloying elements and their amounts), and
fabrication methods. Therefore, this review aims to provide useful information on the corrosion response
of various Ti alloys that are increasingly being developed for the next generation medical implants.

2. In Vitro Electrochemical Corrosion Testing Procedures

The electrochemical corrosion testing procedures used for biometals (including low stiffness
titanium alloys) involve several various parameters and testing methods depending on the objectives of
the experimental work. Potentiodynamic polarization, electrochemical impedance spectroscopy (EIS),
open circuit potential (OCP) and other corrosion testing procedures can be applied in order to assess the
corrosion behaviour. In addition, parameters such as time of exposure, corrosion medium or solution
(electrolyte), pH and the electrolyte temperature can significantly affect the corrosion behaviour
of titanium alloys due to the sensitivity of their passive oxide layer. Moreover, microstructural
observations of the surface after anodization along with X-ray diffraction (XRD), energy-dispersive
X-ray spectroscopy (EDS) and X-ray photoelectron spectroscopy (XPS) examinations can help scientists

144



Metals 2019, 9, 878

and researchers to explore corrosion mechanisms and the formation of passive layers with their
chemical compositions.

Owing to their passive oxide layer, titanium-based alloys are resistant to some organic acids; for
example, lactic acid and acetic acid. However, they can be corroded by some others such as citric
acid [30,31]. Among halide anions, fluoride ions can more strongly cause dissolution of the passive
oxide layer in titanium-based alloys [32]. It is known that fluoride ions are aggressive and they may
cause pitting and crevice corrosion in dental implants [33]. Many commercial oral rinses include
significant amounts of fluoride which can affect the electrochemical behaviour of orthodontic implants
made of titanium alloys [23]. In a study by Li et al. [34], the effect of fluoride on the electrochemical
parameters of Ti-24Nb-4Zr-8Sn (β-type Ti2448) alloy was examined in artificial saliva. Further increase
of F− from (≤0.1 to 1%) degraded the corrosion resistance of the alloy. Also, all the corrosion resistance
parameters extracted from the EIS measurements such as Rs (solution resistance), Rb (resistance of the
inner barrier oxide layer) and Rp (resistance of the outer porous oxide layer) decreased and were in
good agreement with Tafel diagram. Also, NaF concentration was found to influence the protective
behaviour of the passive layer onto Ti-6Al-4V causing an increase in the corrosion current density
in salvia solution [35]. Also, Huang [35] reported that the electrochemical properties of Ti-6Al-4V
alter not only with the fluoride content, but also with the pH and the immersion time in Ringer’s
solution. Robin and Carvalho [36] investigated the passivation of CP-Ti, Ti-13Nb-13Zr, Ti-5Nb-13Zr
and Ti-20Nb-13Zr alloys for a pH range (2–7.5) in a Ringer’s solution with (1000 ppm) and without
fluoride anions. The corrosion resistance parameters of the tested alloys reduced with a further increase
of F− and decrease of pH. Also, according to the OCP and Bode diagrams, Ti-13Nb-13Zr showed
a better corrosion resistance in comparison with the other tested alloys because of a spontaneous
stable oxide layer (TiO2) formed on its surface. Although the chemical stability of Ti-Nb alloys is
high (because of their excellent passive layer behaviour [37]), an increase in pH, in acidification of the
Ringer’s solution from pH 7.5 to pH 0.5 resulted in negative corrosion potential shifts. The addition of
NaCl further exacerbated the corrosion resistance [38–42].

Surface microstructural characterization of β-type Ti alloys after electrochemical tests in various
simulated body fluid solutions play an important role in verifying the corrosion test results.
These observations can reveal corrosion aspects of the surface such as thickness of the passive
layer, corrosion product phases and compounds, pitting and corrosion mechanism. Figure 1 shows
scanning electron microscope (SEM) images of a Ti-24Nb-4Zr-8Sn alloy after immersion in 0.9% NaCl
solution for various durations (24, 72, and 168 h) [36]. The results showed that the surface of the
alloy after 24 h included a passive layer with no corrosion attack which was in agreement with the
Bode diagram (Figure 2) so that the modulus of impedance at 0.01 Hz frequency increased after 24 h
immersion and the phase angle at intermediate to low frequencies was closer to more negative angles
in the Bode-phase diagram [43].

 
Figure 1. Scanning electron microscope (SEM) images of Ti-24Nb-4Zr-8Sn alloy after immersion in
0.9% NaCl solution at 37 ◦C for: (a) 24 h, (b) 72 h, and (c) 168 h [43].
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Figure 2. Electrochemical impedance spectroscopy (EIS) spectra of Ti-24Nb-4Zr-8Sn alloy at different
immersion hours in 0.9% NaCl solution [43].

SEM images of a biomedical β-type TiNbZrFe alloy after electrochemical testing in 0.9% NaCl and
0.2% NaF solutions showed that the deep corrosion pits in non-SMAT (surface mechanical attrition
treated) samples were distributed densely on the surface which was verified with more fluctuations of
the anodic branch of the Tafel diagram and the higher corrosion current density. However, the SMAT
sample was covered completely with the passive oxide layer [44]. Atapour et al. [40] used secondary
electron SEM micrographs of Ti-13Mo-7Zr-3Fe (as-received α + β) and (metastable β) samples after
50 h immersion in 5 M HCl at 37 ◦C. As can be seen in Figure 3a,c, the surface of the as-received α + β

alloy after immersion shows that the β phase is preferentially dissolved, while in Figure 3b, as-received
α + β includes no significant attack of the α phase and not even in grain boundaries which are more
susceptible to corrosion due to having less density and more disorder on the atomic scale. Also, they
concluded that once the attack initiated in the two-phase alloy (as-received α + β), the β phase seems
to be more susceptible to dissolution than the α phase. In addition, the significant conclusion was that
the localized galvanic series of α and β phases causes preferential corrosion of the β phase due to the
presence of vanadium (V) as a beta-stabilizer element in Ti-6Al-4V alloy, and this is the main reason for
higher corrosion rate of Ti-6Al-4V in comparison with Ti-13Mo-7Zr-3Fe (TMZF) (Figure 3c) [40].

In a study by Lu et al. [45], the effect of α and β precipitations on the corrosion behaviour of
β-type Ti-5Al-3Zr-4Mo-4Cr-4V alloy (Ti-1300) was investigated. Similar to the conclusion of [40], it was
observed that both the equiaxed (the equiaxed microstructure of Ti-1300 alloy presents mainly relatively
large equiaxed β-grains)/lamellar (the lamellar microstructure for Ti-1300 alloy is dominated by large
quantities of precipitates as α phase and retained β phase) microstructures undergo a preferential
corrosion degradation of α phase and the α + β interphase boundaries which create localized micro
galvanic series between α and β phases (Figure 4a,b).

It is important to note that many previous investigations on the corrosion behaviour of β-type
titanium alloys (for biomedical applications) focused on the alloy composition only in one solution.
As discussed previously, pH is an important factor which varies in various solutions. Hence, every
solution may impose a different electrochemical result on an individual alloy and studying different
simulated body fluid solutions would better exhibit the role of solution components on the biomedical
corrosion procedure in these alloys.

Cheng-hao et al. [46] studied the corrosion characteristics of Ti-6Al-4V alloy in different
simulated body fluids including Ringer’s solution (NaCl 8.5, KCl 0.2, CaCl2 0.2, NaHCO3 1.1 g/L),
phosphate-buffered saline (PBS) solution (NaCl 8.0, KCl 0.2, Na2HPO4 1.15, KH2PO4 0.2 g/L) and
Hank’s solution (NaCl 0.8, KCl 0.4, CaCl2 0.14, NaHCO3 0.35, C6H12O6 1.0, MgCl2. 6H2O 0.1,
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MgSO4·7H2O 0.06, Na2HPO4 0.06, KH2PO4 0.06 g/L) with different pH values. It was indicated that
the order of corrosion rate (from highest to lowest) is in Ringer’s solution, PBS solution and Hank’s
solution, respectively. It is reported that Na2HPO4 and KH2PO4 react with the metal surface and act
as inhibitor by formation of a passive layer for the Hank’s solution. Also, a further reduction of pH
decreases the corrosion resistance of the alloy in all the solutions (Table 1).

 
Figure 3. Secondary electron SEM micrograph of Ti-13Mo-7Zr-3Fe: (a) as-received α + β, (b) metastable
β, following 50 h immersion in 5 M HCl at 37 ◦C, and (c) secondary electron SEM micrograph of the
surface corrosion aspects of Ti-6Al-4V ELI (extra-low interstitial) after 50 h immersion in 5 M HCl at
37 ◦C [40].

 
Figure 4. SEM morphologies of Ti-1300 (Ti-5Al-3Zr-4Mo-4Cr-4V) surface in 5 M HCl solution:
(a) lamellar, and (b) equiaxed microstructure [45].
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Table 1. Corrosion current densities in different simulated body fluids for Ti-6Al-4V [46].

Solution PBS (pH 7.2) Hank’s (pH 7.2)
Ringer’s

pH 7.2 pH 5.5 pH 3.5

Corrosion Current Density (nA/Cm2) 31.31 24.8 38.13 58.5 76.45

Also, different simulated body fluids were used by Hasena et al. [47] in order to evaluate the
electrochemical behaviour of NiTi alloy. Figure 5 exhibits the OCP (open circuit potential) of all the
tested solutions. Higher Cl− concentrations at 37 ◦C caused the most active potentials in HBSS (Hank’s
balanced salt solution), Ringer’s solutions and the noblest (−291 mV) for HBSS after 3600 s exposure
time. Also, it is claimed that in Hank’s solution with pH ranging from 1 to 9, the corrosion rate is
highly affected by a further decrease in pH [48]. Many authors [49–51], explained that the Ringer’s
solution seems to be more aggressive due to more concentrations of Cl− ions. It is recommended to
refer to Tas’s work [52] for detailed reports on the effect of different ions on the corrosion rate of the
tested alloys for each simulated body fluid solution.

Figure 5. Open circuit potentials (OCP) in different simulated body fluids at 37 ◦C and in 0.9% NaCl at
25 ◦C [47].

3. Fabrication Process

The corrosion and electrochemical behaviour of two distinct alloys with the same chemical
composition but different manufacturing processes may be different. Various heat treatments and
mechanical processes of Ti alloys including ageing and cold working are expected to influence the
microstructure and alloy distribution with a direct consequence on their corrosion behaviour. Also,
surface treatments such as anodizing and coatings can inventively alter the electrical current density
passing through the bulk material [53–55]. Yun Bai et al. [56] showed that wrought Ti-6Al-4V has
greater corrosion rate than electron beam melting (EBM)-produced Ti-6Al-4V. EBM-produced Ti-6Al-4V
mainly consists of α and β phases, with a higher volume of β phase and much refined lamellar α/β
phases and it was found that localized micro galvanic cells produced by α and β phases degrade the
corrosion resistance of EBM-produced Ti-6Al-4V. In a study by Buciumeanu et al. [57], three different
fabrication processes including casting, powder metallurgy (hot pressing, HP) and laser engineered
net shaping (LENS) were used for Ti-6Al-4V specimens. The OCP measurements of HP, LENS and cast
Ti-6Al-4V alloy were around −0.25 V, −0.03 V and −0.36 V, respectively. Hence, the LENS samples
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were found to have a better corrosion protection than the other two processes. This characteristic was
attributed to the very high and localized cooling rates during the LENS process resulting in higher
hardness and slight chemistry variation in the material.

Potentiodynamic polarization tests were performed for two deformed Ti-15Zr-12Nb alloys
including: warm rolling (WR) at 660 ◦C for 1 h up to the 95% thickness reduction, and hot rolling (HR)
from 880 ◦C to 660 ◦C up to the 70% thickness reduction using a multi-pass rolling process [58]. It is
indicated that the HR sample with a coarse lamellar structure has higher corrosion current density
(0.9976 mA/cm2) compared to the WR sample (0.8179 mA/cm2) with an ultra-fine microstructure
and formation of more stable and passive surface layer. Also, in a study by Li et al. [59], corrosion
characterization of two Ti-24Nb-2Zr (at. %) samples were investigated. Both samples were 75%
deformed and then annealed at 800 ◦C for 1 h, one of them was also aged at 300 ◦C for 1 h.
The electrochemical tests were performed to make a comparison against CP Ti alloy. The both deformed
samples had higher passive current densities than CP Ti due to the precipitation of ω phase during the
deformation and ageing processes which significantly destabilize the passive oxide film [56]. According
to the results of [58,59], not any deformation procedure can improve the corrosion resistance of β type
Ti alloys. There are a range of parameters such as deformation percent, annealing temperature and the
texture of refined grains (e.g., uniform orientation) can affect the electrochemical behaviour of the alloy.

Five treated Ti-29Nb-13Ta-4.6Zr specimens were tested [60] namely: 87.5% cold-rolled
titanium-niobium-tantalum-zirconium (TNTZCR), solutionized at 790 ◦C for 1 h (TNTZST), TNTZST

aged at 400 ◦C for 72 h, multi-step-thermo-mechanical treatment (TNTZmulti), where the cold rolling
(CR) and solution treatment (ST) were repeated 4 times, TNTZmulti aged at 400 ◦C for 72 h. and
hot-swaged Ti-30Nb-10Ta-5Zr, which has 0.2% O and mirror surface produced by buff polishing.
Figure 6 shows a higher level of corrosion resistance for the aged (TNTZmulti) and deformed (TNTZCR)
samples when compared to the TNTZST and TNTZST aged at 400 ◦C. It is also shown that the critical
current densities (Ic) and passive current densities (Ip) are at lowest for the TNTZmulti aged and
TNTZmulti samples.

Figure 6. Anodic polarization curves of TNTZST (Ti-29Nb-13Ta-4.6Zr), TNTZST aged at 673 K for
259.2 ks TNTZmulti, TNTZmulti aged at 673 K for 259.2 ks and hot swaged Ti-30Nb-10Ta-5Zr in 5% HCl
solution at 310 K [60].

Two Ti-1.45Al-6.62Mo-4.53Fe-0.14O samples were solution treated at different temperatures of
750 ◦C (equiaxed β-grain structure with almost needle-like morphology of 10% primary α-phase) and
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650 ◦C (equiaxed β-grain structure with almost needle-like morphology of 15% primary α-phase)
for 30 min; and subsequently, both the samples were aged treated at 500 ◦C for 4 h. Through a
comprehensive corrosion study, it was reported that the higher corrosion rate of 650 ◦C sample was
due to the greater concentration of the α-phase which makes a local galvanic cell between the α and β

phases [61]. It is important to note that thermal and mechanical treatments may alter the microstructure
and phases in Ti alloys including β type Ti alloys. Therefore, the effect of these thermal and mechanical
treatments on the corrosion behaviour of beta titanium alloys can be as important as the chemical
composition. The corrosion current density reported in the literature [58] is (2 × 10−2 mA·cm−2) for
the 650 ◦C sample which is about 34 times greater than that of 750 ◦C (5.9 × 10−4 mA·cm−2). It is thus
indicated that a 100 ◦C increase in the solutionizing temperature of two equal alloys can greatly change
the corrosion behaviour so that this might not happen even if the samples were made of two distinct
precursors and initial composition. In another investigation [62], Ti-40Ta-22Hf-11.7Zr (TTHZ) beta Ti
alloys were prepared in six samples, namely: as cast, ST (solution treated) and the other samples were
then aged (STA) at 300 ◦C for 15 min, 1.5 h, 12 h and 24 h in argon, followed by air cooling (STA-15 min,
STA-1.5 h, STA-12 h and STA-24 h), respectively. It was found that the ST sample has the best corrosion
resistance consisting of a single beta phase, and with a further increase in ageing time, the α phase
grows and the corrosion resistance decreases. Also, the STA-15 min sample had a small amount of α“
phase and β phase transformed into an α” phase without diffusion, so the corrosion resistance of the
alloy tended to be the same as that in the solid solution due to the close thermodynamic properties of
α” to β phase which is the middle state of transition of α to β. Nishimura et al. [63] explained that the
ageing heat treatment created α phase precipitations in the β phase of solutionized Ti-10Mn alloys
which act as anodic particles [63]. Finally, the dissolution priority for α and β phases seems to be
different in their various combinations. The single α phase is less corrosion resistant than β phase.
However, according to [37], once the attack initiated in the two-phase (as-received α + β) alloy, the β

phase appeared to be less resistant to continued dissolution than the α phase.

4. Chemical Composition

Admittedly, in order to achieve a superior biocompatible medical implant material, a
comprehensive corrosion study is needed on the electrochemical reactions of the material with
the synthetic physiological solutions [64,65]. Like other alloys, the electrochemical behaviour of beta
titanium alloys depends, to a great extent, on many parameters such as electrolyte, microstructure
and importantly chemical composition of the alloy (alloying elements and their amounts) [63,66,67].
Chemical composition is a major parameter which can influence the corrosion resistance of titanium
alloys including new beta type titanium alloys. For instance, small additions of indium (In) to a
beta-type Ti-Nb alloy (tested in Ringer’s solution) do not yield any negative effect on the corrosion
behaviour and it was reported that a further addition of indium will enhance the corrosion resistance
of the alloy [68]. Further addition of ruthenium (Ru) to Ti-20Nb-xRu (x = 0, 0.5, 1.0, 1.5 at. %) improves
the corrosion resistance of this beta titanium alloy. The potentiodynamic polarization curves of Ru
added samples in comparison to Ti-6Al-4V and CP Ti are presented in Figure 7. Approximately a
0.23 V difference in the corrosion potential of the Ru-free sample to nobler amounts and 1.6 V shift in
comparison to the CP Ti and Ti-6Al-4V show a relatively better corrosion resistance [69].

An electrochemical study was performed on the corrosion behaviour of two beta-type titanium
alloys namely Ti-15Mo (TiMo) and Ti-29Nb-13Ta-4.6Zr (TNTZ) [70]. After one hour of immersion
in Hank’s solution, the measured OCP for TiMo and TNTZ were −320 and −260 mV, respectively.
This nobler potential of TNTZ beta titanium alloys related to the alloying elements increases the
corrosion resistance. Using electrochemical impedance spectroscopy (EIS), the passivation behaviour
of Ti-15Mo (TiMo) and Ti-29Nb-13Ta-4.6Zr (TNTZ) alloys was characterised. TNTZ showed two time
constants at higher potentials, indicating the presence of two passive layers, namely an inner layer for
corrosion resistance and an outer porous layer. Therefore, TNTZ seems to act better in orthopaedic
applications [68]. Many authors have delved deeply in the electrochemical properties of low modulus
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Ti alloys including beta phase [71–77]. The Ti passive layer acts as a protective layer in various aqueous
environments and its reaction in H2O is as follows:

Ti + H2O Ti(OH)4 + 2H2

 
Figure 7. Representative potentiodynamic polarization curves of titanium alloys in Hank’s balanced
salt solution (HBSS) [69].

Many alloying elements in titanium alloys lead to a better corrosion and electrochemical behaviour,
and this greatly depends on the pH value of the environment. The oxide layer properties formed on
the surface of Ti alloys highly depend on the alloying elements present in the passive layer. Factors
such as diffusion rate of the alloying element ions in the passive oxide film and mutual solubility can
specify the strength and stability of the surface film on Ti alloys [78–82]. Metikoš-Huković et al. [82]
showed that the alloying of titanium with elements of higher valence electrons such as Nb (Ti-6Al-4V
vs. Ti-6Al-6Nb) can cause the stabilization of the passive film and elimination of anion vacancies. The
presence of Nb5+ cations increases the number of oxygen ions, which cancel out the anion vacancies
and make the film less defective [83]. The disappearance of the anion vacancies lowers the diffusion
rates across the passive layer.

Also, the formation of intermetallic precipitates may provide susceptible sites for localized
corrosion and stabilization of an α/β phase structure which may result in a lower homogeneity in the
passive layer; and consequently, lowering the breakdown potential of the passive layer [84,85].

Titanium-zirconium-molybdenum (TZM), as a functional alloy is not only used in biomedical
applications but also in many other industrial applications. Hence, the electrolyte used for corrosion
investigations for this alloy is mostly ordinary NaCl and NaOH solutions [86–88]. Zirconium has
excellent solid solubility in titanium due to its near electrochemical and mechanical aspects to titanium.
Therefore, alloying these two elements can lead to an improvement in the corrosion and mechanical
behaviour of the alloy [89,90]. Any increase of molybdenum may lead to a decrease in β-transus
temperature, and Mo has a higher β stabilizing impact on the TZM than Zr [91].

A common version of TZM alloys is lanthanum-doped titanium-zirconium-molybdenum (La-TZM)
alloy with considerable properties such as high temperature oxidation, and better mechanical and
physical functions. This wide range of features of La-TZM alloy have encouraged many scientists to
investigate its corrosion behaviour too [92–98]. Deng et al. [98] showed that alloying lanthanum in
TZM degrades the corrosion resistance. Since the corrosion potential difference of La and other alloying
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elements in La-TZM alloy is high, the micro galvanic cell series created by this potential difference in
the alloy matrix can easily cause the initiation of pits on the surface leading to intergranular corrosion.
Lanthanum plays the role of the second-phase particle which includes a nobler potential than the
Mo matrix and spoils the integration of the oxide passive layer on the surface. Also, in Figure 8, it is
shown that no significant passivation behaviour in the anodic branch of La-TZM alloy occurs while
the passivation behaviour of the TZM is obviously illustrated by the reduction in the current density
around −4 A/cm2. In another research [99], it is indicated that the corrosion resistance of TZM is better
than La-TZM in alkaline and neutral environments including Cl− and OH−; while, on the contrary, the
La-TZM shows a higher corrosion resistance than TZM in acidic media. Also, Hu et al. [99] indicated
that the Cl− concentration is of great importance to evaluate the corrosion behaviour of TZM alloy. They
showed that TZM alloys have a good corrosion resistance in 0.5 mol/L or 1.5 mol/L Cl− concentrations.

 

Figure 8. Potentiodynamic polarization curves of TZM and La-TZM alloys [98].

Quaternary TNTZ (titanium–niobium–tantalum–zirconium) alloys were developed in the
1990′s [100]. These alloying elements improved the mechanical and corrosion behaviour of low
modulus beta titanium alloys for biomedical applications. Nb is known as a β-stabilizer having
a significant role in the spontaneous passivation of the alloy [101]. Also, from a microstructural
point of view, a significant reduction of β-transus temperature seems to be present for the higher
β-stabilizer content in some implants which include niobium in their composition [102,103]. Zr
improves the passivity and lowers the active electrochemical reaction of the α phase of titanium [66]
and Ta is considered as an element with an excellent capability in formation of passive oxide layer
(Ta2O5) [104]. The most notable feature of TNTZ alloys, which improves its passive layer corrosion
potential breakdown point in comparison with the other ternary and low modulus beta titanium alloys,
is the strong bonding and adherence of their passive layers, near the corrosion potential of the alloying
elements [105,106]. In a study reported by [107], it is shown that in Ti-20Nb-10Zr-5Ta alloy, Zr had
the greatest influence on reducing the open circuit potential to more negative values and achieving a
better protective passive layer behaviour. Milošev et al. [19] showed that addition of oxygen to TNT
alloys may increase the chemical solubility of Ti due to its strong β-stabilizing effect and they tested
the corrosion current density (0.045 μA/cm2). Also, they reported that the incorporation of different
alloying oxides in the surface layer is the main reason of improvement in the corrosion behaviour of
Ti-20Nb-10Zr-5Ta alloys.

The other biomedical low modulus beta type titanium alloys of great interest are the ternary
TNZ (Titanium-Niobium-Zirconium) alloys. Robin et al. [36] showed that the corrosion resistance
of Ti-13Nb-13Zr alloy is a little higher than Ti-5Nb-13Zr and Ti-20Nb-13Zr alloys in the Ringer’s
solution excluding fluorides, and discussed that this is due to the lower Nb content of α-phase in
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Ti-13Nb-13Zr. In a TNZ system, Nb and Zr encourage the suppression of O2 evolution and cease
the cathodic electron transfer reaction and can lower the active anodic dissolution reactions in the
system [108]. Huang et al. [109] compared two alloys of Ti-13Nb-13Zr and Ti-15Mo, and concluded
that Ti-13Nb-13Zr has a superior anticorrosion performance because of the Nb alloying element
which annihilates the anion vacancies in the crystal lattice of the TiO2 passive layer, which is due
to the formation of covalent bonds among Nb, Zr and Ti (4d3, 4d2, 3d2) respectively [66]. Also,
Macdonald [110] presented the theory of the point defect model in surface layer whose presence
can cause heterogeneity of passive layer and degradation of corrosion resistance [110]. Hence, Nb5+

particles can situate in the crystal lattice of TiO2 and fill the anion vacancies which results in lower
defects and higher corrosion resistance [82].

An important ternary and quaternary group of beta titanium alloys including Sn alloying element
has emerged recently. A study on Ti-32Nb-2Sn and Ti-32Nb-4Sn concluded that the higher Sn content
improves the corrosion behaviour due to the higher passive layer quality [110]. Also, it must be
considered that the Sn content up to 4 wt% to 6 wt% may cause cytotoxic effects in the human body and,
therefore, further investigations should be undertaken [111]. Bai et al. [2] reported that Sn included
beta titanium alloys show a wide range of passivation on anodic branch of Tafel diagram and it is a
superior feature of these alloys.

5. General Significations of Corrosion

The complicated electrolytic behaviour of body fluid including a combination of attacking corrosion
components creates an aggressive media for biomedical implants. Hence, controlling and improving
the corrosion resistance of medical implants seems to be a significant concern in the manufacturing
process of implants [112]. In spite of electrochemical parameters, mechanical deformation affects
the corrosion rate as seen in [113] where a further amount of cold rolling lowered the corrosion rate.
Thermodynamics and kinetics are the main two features of the electrochemical corrosion phenomenon.
Thermodynamics specifies the oxidation-reduction reactions of the implant material adjacent to the
body fluid media and the kinetics evaluates the probability of occurrence of reactions [114]. Common
types of corrosion that can occur in beta type titanium alloys (when used in implants) are fretting,
galvanic, pitting/crevice and uniform corrosion [115]. In an implant such as hip joint implants of which
all the surface is in contact with the body tissues and fluids, the uniform corrosion is of great concern
and pH variations can play a significant role in the corrosion degradation. Also, surface treatments
and the thermodynamic stability and high adherence of the passive layer may control this type of
corrosion [116]. In addition, fretting and wear corrosion must be considered in modular implants where
metallic parts have direct contact (e.g., taper junction of hip implants). With regard to the advancement
and development of low modulus beta titanium alloys, it is expected that successful implant materials
withstand long-term uniform corrosion with corrosion rate of less than 1 μm/year [117]. For dental
implants, pitting and galvanic corrosion should be more investigated since food debris is always
deposited and can make a localized galvanic series following pitting corrosion [118]. Moreover, it is
important to perform microstructural evaluations along with ordinary corrosion testing procedures
when investigating pitting and galvanic corrosion in dental implant materials. Surface images of dental
implants and any other implants susceptible to pitting corrosion can provide useful data about the
morphology, distribution, depth and number of defects. Hence, further experiments would be more
reliable and authentic.

6. Conclusions

In this review, low modulus β-type titanium alloys were investigated from a corrosion behaviour
point of view. The important parameters that can affect the electrochemical and corrosion behaviour
of these alloys were discussed. Investigations on the development of a suitable microstructure
with optimal mechanical properties have been performed to design and fabricate low modulus
β-type Ti-based alloys for medical implant applications. However, less attention has been paid to
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the electrochemical and corrosion behaviour of these new generation titanium alloys. Toxicity of
biomedical implants depends, to a great extent, on the ion release rate of the alloy into the body which
passes through the surface passive layer. Hence, the microstructure and composition of the passive layer
and its adhesion and stability should be carefully evaluated in these alloys. Also, surface treatments
and anodizing can greatly improve the quality of passive layers but the chemical composition of the
surface coatings should be non-toxic. Surface microstructural observations of beta type Ti alloys after
electrochemical tests in various simulated body fluid solutions play an important role in verifying
corrosion test results. These observations can also reveal more data as to other corrosion aspects of
the surface such as thickness of the passive layer, corroded phases and particles, pitting attacked
areas and corrosion mechanism of the bulk. It is important to note that the physical and mechanical
changes in beta-type Ti alloys may alter the microstructure and phases. Therefore, the effect of these
physical (heat) and mechanical treatments on the corrosion behaviour of beta titanium alloys may be
as important as the chemical composition. Also, the amount of α and β phases in the microstructure
and their interaction and dissolution can affect the corrosion resistance. It is important to mention that
various physical and mechanical treatments of beta titanium alloys directly affect the interaction and
distribution of α and β phases which these phases not only alter the corrosion behaviour in the bulk
material but also play an important role on the surface passive layer of implants.

Dissolution priority for the α and β phases seems to be different in their various combinations.
The single α phase is less corrosion resistant than β phase. However, once the attack has initiated in the
two-phase (α + β), the β phase appears to be less resistant to continued dissolution when compared to
the α phase. It is suggested that more investigations should be performed on the corrosion resistance
of α and β phases (separately and as mixed). Suitable amounts of α and β phases should be created
in the microstructure of beta-titanium alloys including various alloying elements in order to have a
high corrosion resistance and a stable surface passive layer. Afterwards, other physical, mechanical
and chemical treatments such as surface treatment, heat treatments (e.g., ageing, solutionizing, and
hardening) and various alloy fabrication processes should be taken into account.
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