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Preface to ”Titanium Alloys for Biomedical Implants

and Devices”

The development of advanced titanium alloys and processing methods toward fabrication of

biomedical implants and devices is an active field of research. Metallic biomaterials offer greater

strength and toughness in comparison to polymers and ceramics and among them titanium-based

alloys provide significant advantages, including higher strength to weight, excellent biocompatibility

and stiffness which more closely resembles human hard tissue. Over the past few decades,

a large amount of research has focused on various aspects of titanium alloys leading to the

design, production, and commercialization of a series of alloys specifically tailored to biomedical

applications. Despite the outstanding properties afforded by current titanium alloys, there is a need

to continue to enhance their performance through developing further understanding of important

aspects of their processing and structure. This is necessary to enhance the performance and reliability

of titanium implants and devices and, consequently, improve patient health outcomes.

This Special Issue highlights challenges and recent advances in the application of titanium alloys

for biomedical implants and devices. Featuring prominently, additive manufacturing to process

titanium alloys is the focus of the first four articles. Currently, research in this area is burgeoning

along with increasing clinical uptake, offering the promise of complex and customized implant and

device designs. Issues highlighted in these articles include application of the technologies to fabricate

complex porous scaffolds and assessing their clinical performance, and the impacts on microstructure

and, consequently, performance obtained through different additive manufacturing technologies.

Despite these advances, research is also ongoing to advance more conventional approaches to

processing such as highlighted in articles on the improving fatigue performance, machinability

and formability of titanium alloys. Finally, the issue highlights the need to improve long-term

clinical performance of devices and implants including through modeling to assess biomechanical

performance and understanding of corrosion behaviors. We believe the articles provide a current

snapshot of the recent advances, as well as ongoing challenges in this exciting field. We thank all

authors for their contributions to this special issue.

Hooyar Attar, Damon Kent

Editors
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Abstract: Functionally graded lattice structures produced by additive manufacturing are promising
for bone tissue engineering. Spatial variations in their porosity are reported to vary the stiffness and
make it comparable to cortical or trabecular bone. However, the interplay between the mechanical
properties and biological response of functionally graded lattices is less clear. Here we show that by
designing continuous gradient structures and studying their mechanical and biological properties
simultaneously, orthopedic implant design can be improved and guidelines can be established.
Our continuous gradient structures were generated by gradually changing the strut diameter of
a body centered cubic (BCC) unit cell. This approach enables a smooth transition between unit
cell layers and minimizes the effect of stress discontinuity within the scaffold. Scaffolds were
fabricated using selective laser melting (SLM) and underwent mechanical and in vitro biological
testing. Our results indicate that optimal gradient structures should possess small pores in their core
(~900 μm) to increase their mechanical strength whilst large pores (~1100 μm) should be utilized in
their outer surface to enhance cell penetration and proliferation. We suggest this approach could be
widely used in the design of orthopedic implants to maximize both the mechanical and biological
properties of the implant.

Keywords: selective laser melting; gradient structure; porous biomaterial; Ti6Al4V; mechanical
properties; osteoblast

1. Introduction

Recent advances in additive manufacturing have revealed new possibilities for the design of the
next generation of metallic biomedical implants based on lattice structures. Generally, a bone scaffold
should possess four essential characteristics [1,2]: (i) biocompatibility; (ii) mechanical properties
matching those of the host tissue; (iii) an interconnected porous structure for cell migration and
proliferation and nutrient–waste transportation; (iv) suitable surface characteristics for cell attachment.
Traditionally, large bone defects are treated with metallic implants. Several metals have been shown
to fulfil the requirement of biocompatibility including cobalt-based alloys, stainless steels as well as
titanium alloys [3]. However, metallic implants possess higher elastic moduli than bone, e.g., Ti6Al4V
and 316 L stainless steel have a modulus of around 110 GPa and 210 GPa [4] respectively, whereas the
modulus of cortical bone is in the range of 3–20 GPa [5]. The mismatch between the modulus of the
bone and the implant results in the failure of the implant in the long-term due to the stress-shielding
problem [6]. Therefore, matching the mechanical properties of the implant to the host bone and
simultaneously providing the implant with biological performance remains a challenge. One potential

Metals 2018, 8, 200; doi:10.3390/met8040200 www.mdpi.com/journal/metals1
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strategy is to create porous metallic scaffolds where the porosity, the pore size and shape are optimized
collectively to reduce the modulus while maintaining the strength of the scaffold [7].

Porous Ti6Al4V scaffolds are ideal candidates as bone scaffolds since they comply with the
aforementioned requirements: they are biocompatible [8,9] and their mechanical properties can be
adjusted by porosity [10]. Porous structures with an interconnected pore network are of particular
interest for promoting cell migration and colonization [11] as well as tissue in-growth [12,13].
Interconnected pore network enables the flow of nutrients and oxygen to cells and tissue and
promotes the formation of blood capillaries [14]. When the vascular network is not sufficient, nutrient
and oxygen deficiencies cause hypoxia or necrosis [15,16]. Therefore, open-porous structures with
adequate pore sizes are critical for vascularization and tissue growth. However, the optimum porous
structure for orthopedic scaffolds is yet to be established and there is conflicting information regarding
an optimum pore size for both enhanced bone ingrowth and mechanical strength of the scaffold.
Recent reviews [17–19] summarize that optimum pore size should be 300 μm or larger for bone
ingrowth and vascularization. However, whilst high porosity and/or large pore size (>800 μm)
promotes flow of nutrients, vascularization and tissue growth [14,15,20], highly porous structures lack
the required mechanical strength and integrity and decrease the cell seeding efficiency [15,21]. At the
same time, in vitro studies have shown that scaffolds with small pore sizes (<500 μm) or low porosities
are prone to pore occlusions [22].

Gradient structures present a potential solution to the opposing requirements of an optimal
pore size for biological response and mechanical properties. Given an optimal pore size distribution,
there is potential to develop structures that exhibit both adequate mechanical strength and tissue
in-growth rate. In addition, gradient structures can mimic the natural bone in terms of its structure
and mechanical properties [23]. The structure of the bone changes with the amount and direction of
the applied stress [24] resulting in differences in the internal structure (porosity and composition) and
mechanical properties of the bone along its dimensions. For example, the elastic modulus of trabecular
bone at the ends of long bones or within the interior of vertebrae is around 0.5 GPa [25]. This variation
in elastic modulus depending on the location in the bone indicates the need for development of
gradient structures in bone scaffolds.

The gradient and uniform porous scaffolds can be designed using traditional CAD (Computer
Aided Design) and include the use of open cellular foams [26,27] and periodic uniform unit cells
based on platonic solids [28–30]. Other techniques, such as implicit surface modelling [31–33]
and topology optimized scaffolds [18,34], are also gaining in popularity. The fabrication of such
complex structures has recently become feasible with the advances in additive manufacturing [35].
Traditional manufacturing of porous metals such as solid or liquid state processing has limited
control over the shape and size of the pores achievable through adaptation of the processing
parameters. These shortcomings can be overcome through additive manufacturing which builds
a three-dimensional object in layer-by-layer fashion. Selective laser melting (SLM) and electron beam
melting (EBM) have both been utilized to successfully fabricate porous scaffolds [36]. Both methods
rely on a computer-controlled high power energy source to selectively melt a metallic powder on
each layer.

A number of studies have investigated the mechanical or biological response of metallic-based
gradient porous designs produced by additive manufacturing [37–45]. The majority of these studies
focused on gradient structures generated by abrupt changes between layers based on change in
strut diameter or unit cell volume. For instance, Li et al. [37] studied the deformation behavior of
radial dual-density rhombic dodecahedron Ti6Al4V scaffolds fabricated by EBM. They achieved radial
dual-density by altering the rhombic dodecahedron unit volume between two layers which resulted
in discontinuity between layers. Their finite volume method simulations revealed that the inherent
discontinuity between layers resulted in stress concentration and maximum stresses at the interfaces.
They concluded that continuous variation between layers are ideal to minimize the stress concentration
at the interface. Nune et al. [38,39] investigated the osteoblastic functions of the scaffolds designed
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using Li et al. [37] work, based on gradient rhombic dodecahedron created by changing the unit
volume between layers. Although their work showed promising results on cellular activity when cells
were seeded from large pore side (1000 μm), there was no complementary study on the mechanical
properties and therefore the adverse effect of discontinuity between layers on the mechanical properties
were not covered.

Another study [40] of multiple-layer gradient structures based on changing unit cell volume also
showed the mismatch between two layers. They designed gradient BCC and diamond cylinders where
two different unit cell volumes were used in the outer and inner parts of the cylinder. This design
approach resulted in free nodes of outer layers that are not connected to inner layers, which caused a
negative effect on the mechanical properties. Another approach frequently used to generate gradient
structures is based on a sharp change in strut diameter between layers [41,42]. This design principle
also results in a mismatch between layers negatively effecting the mechanical properties as well as
tissue ingrowth and mineralization [42].

Recently, there have been a few investigations aiming to overcome the problem of a mismatch
between layers by designing continuous gradient structures which consists of gradually changing
strut diameters between layers. For example, Han et al. [43] reported the mechanical properties
of SLM-fabricated pure titanium Schwartz diamond unit cell and demonstrated the layer-by-layer
sequential failure of these gradient scaffolds. Maskery et al. [44] also showed the layer-by-layer gradual
collapse of gradient scaffolds using SLM-fabricated AlSi10Mg gradient BCC structures. These two
studies highlighted that the deformation and energy absorption of gradient lattices is more predictable
than the uniform lattices due to the lack of diagonal shear band formation during deformation.
In another study Ti6Al4V cubic and honeycomb lattice structures [45] were combined to a gradient
structure with a continuous density change and it was shown that this design had a superior energy
absorption properties compared to their uniform counterparts. Although the aforementioned studies
on the mechanical properties of continuous gradient structures indicate promising results; the selection
of unit cells, materials as well as their in vitro and in vivo response need to be better understood.

In this work, we introduce a concept of generating continuous gradient structures by changing
the strut diameter linearly across cell layers which enables a smooth transition between layers.
To demonstrate the benefit of this design principle, we apply it to the BCC unit cell and create
gradient structures with rising or decreasing pores sizes. These gradient structures were mirrored
from the central horizontal axis to obtain a symmetrical sample. Their mechanical properties were
obtained by uniaxial compression tests and cell attachment and proliferation were assessed with murine
pre-osteoblast cells. It will be shown that gradient scaffold can be tailored to fulfil the mechanical
properties required and simultaneously improve biological response.

2. Materials and Methods

2.1. Design and Fabrication of Ti6Al4V Gradient Cellular Structures

The lattice structures were designed with Rhinoceros v5 in the RhinoPython environment.
A custom-made parametric script was developed to create the lattice models with continuous gradient
structures. The scaffold structure is defined by its type (BCC) (Figure 1a) and size in each of the cardinal
directions, and has a changing strut diameter based upon a polynomial equation, see Equation (1).
The diameter of the strut is calculated at a minimum or three locations, evenly spaced along its length
based on the location of the strut, and lofted to create a smooth transition between radii.

Diameter = c +
n,(x,y,z)

∑
n=1

An(x,y,z)

(∣∣∣P(x,y,z)

∣∣∣− P(x,y,z)0

)n
(1)
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Here c is constant, An(x,y,z) is the gradient value in the current cardinal direction,
∣∣∣P(x,y,z)

∣∣∣ is the
absolute current coordinate position in the relevant axis (x, y, or z), P(x,y,z)0

is the gradient origin in
each of the relevant axes, defined over n polynomial terms.

In the case of linear gradient in a single axis, only a single term (Ax) is required, simplifying the
Equation (1) to following:

Diameter = c + Ax(Px − Px0) (2)

It should be noted that by adding y and z terms in Equation (2) will modify the nature of the
gradient and allow to produce 3D gradient scaffolds.

Figure 1. (a) Gradient BCC unit cell showing continuous transition at the unit cell junctions, (b) CAD
view of the gradient BCC lattice scaffold; the arrows show the gradual increase in strut diameter and the
highlighted areas show the gradually changing pore size and strut diameter along the scaffolds’ height;
Dense-In scaffold has increasing strut diameter towards the center, whereas Dense-Out follows the
opposite trend; (c) SLM-fabricated specimens with dimensions of 10 × 10 × 12 mm3, from left to right:
uniform BCC lattice scaffold with 0.6 mm strut diameter, Dense-In and Dense-Out scaffolds.

4



Metals 2018, 8, 200

To demonstrate the benefit of this concept, we designed two gradient structures with dimensions
of 6 × 10 × 10 mm3, mirrored in the x-axis to create lattices of 12 × 10 × 10 mm3. In this case a gradient
value Ax was set to 0.07 (mm/mm) and a constant c equal to 0.4 mm. The choice of the parameters
is motivated by manufacturability of the struts and leads to a minimum diameter of 0.4 mm and a
maximum of 0.82 mm over the 6-mm lattice. When gradient design was mirrored from the thinner
strut plane, it is named as Dense-Out and when mirrored from the thicker strut plane, it is named
as Dense-In. For comparison of the mechanical and biological response of gradient structures, we
also created three uniform BCC structures which utilize the same strut diameters as present in the
gradient structure, namely 0.4, 0.6, 0.8 mm. These uniform BCC structures are denoted U0.4, U0.6 and
U0.8, respectively.

It should be noted that the developed script is not limited to the BCC unit cell and a large library
of common unit cells was programmed allowing us to generate a smooth gradient between layers and
tailor their size and local and total porosity.

The uniform and gradient BCC structures were fabricated by selective laser melting (SLM) process,
described in [46], using a MLab Cusing machine (Concept Laser, Lichtenfels, Germany). Ti6Al4V-ELI
powder supplied by Falcon Tech Co., Ltd. (Wuxi, China) that satisfies ASTM F136 with diameter range
of 15–53 μm was used for laser melting process. The Ti6Al4V samples were fabricated using a laser
power of 95 W, scan speed of 600 mm/s with a hatch distance of 0.08 mm, the beam spot size of 50 (−5,
+25) μm, with oxygen content less than 0.2% in an argon atmosphere and the layer thickness of 25 μm.
The samples were built on top of a solid titanium plate and were removed by using Electrical Discharge
Machining (EDM, AgieCharmilles CUT 30P, GF, Losone, Switzerland). All samples were 12 mm in
height with a cross-section of 10 × 10 mm2. After the samples were removed from the build plate, they
were washed in an ultrasonic bath containing ethanol for 4 h to aid in removing the unmelted particles
from the surface of the samples. No further surface modifications or heat treatments were applied to
the scaffolds.

2.2. Morphological Analysis

Morphological properties were characterized by three methods: scanning electron microscope
(SEM), digital densitometry and gas pycnometry. Pore size and strut diameter were measured using
SEM (FEI Nova NanoSEM, Thermo Fisher Scientific, Hillsboro, OR, USA) images. The average of
four pore sizes and strut diameters was calculated for each specimen. The volume fraction of the
samples was measured by both gas pycnometry and digital densitometry. A digital densitometry
(SD-200L, AlfaMirage, Osaka, Japan) adopts the Archimedean principle with liquid displacement.
Three specimens of each sample were used to measure the volume fraction. In addition to densitometry
measurements, the volume fraction of each sample were measured by a gas pycnometry (AccuPyc
1330, Micromeritics, Norcross, GA, USA) with helium gas in 3 repeats. The pycnometry measures
the density of solid materials by employing gas displacement and Boyle’s Law of gas expansion.
The volume fraction values measured by gas pycnometry were compared with the values obtained
from the CAD designs.

2.3. Measurement of Mechanical Properties

A minimum of five specimens of each uniform and gradient structure were mechanically
tested under compression using an Instron 5982 universal testing machine with a 100 kN load cell.
Following the standard for compression test for porous and cellular metals (ISO 13314:2011), a constant
cross-head velocity of 0.72 mm/min was utilized corresponding to a compression strain rate of
10−3 s−1. The measurements were recorded after a preload of 50–70 N to avoid the initial settling of
the samples between plates. A series of images were captured every 1 s during compression testing to
record the deformation response of the samples.

The engineering compressive stress was calculated by normalizing the applied compression
load with the initial cross-section area of each sample (10 × 10 mm2) and the engineering strain
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was calculated by the displacement of the cross-heads. The stress-strain curves of each sample were
analyzed and the following mechanical properties were calculated based on the guidelines of the
ISO Standard 13314:2011: first maximum compressive strength (σmax) (the first local maximum in the
stress-strain curve), 0.2% offset yield stress (σy), the elastic gradient (E(σ20–σ50)) (the gradient of the
elastic straight line between stresses of 20 and 50 MPa). The ISO Standard recommends determining
the elastic gradient between stresses of 20 and 70 MPa; however, since 70 MPa was higher than the
0.2% yield stress point for some of the samples, 50 MPa was adopted for all samples.

2.4. Cell Viability, Proliferation and Morphology

MC3T3-E1, Subclone 4, preosteoblast cells (ATCC® CRL-2593™, Manassas, VA, USA) were
cultured in α-MEM medium (Gibco) supplemented with 10% fetal bovine serum (FBS, Gibco) and 1%
antibiotic/antimycotic solution (Gibco) in a humidified incubator at 37 ◦C, 5% CO2. As-fabricated
Ti6Al4V uniform and gradient porous structures were cleaned by successive washes with ethanol and
phosphate buffer saline (PBS). Subsequently, specimens with dimensions of 10 × 10 × 12 mm3 were
placed in a 24-multiwell plate with 3 repeats and seeded at a density of 1 × 105 cells per specimen.
In parallel, positive control wells containing SLM-fabricated solid samples were set up. Before any
evaluation, all scaffolds were transferred into a new 24-multiwell plate.

Cell viability was assessed at 4 h, 4 days and 7 days after cell culture using the MTS assay (Cell Titre
96 Aqueous One Solution Cell Proliferation Assay, Promega, Madison, WI, USA). After 2.5 h incubation
with MTS reagent, 100 μL of solution from each well were transferred into a 96-multiwell plate and the
optical absorbance (OD) was measured at 490 nm with a microplate reader (Thermo Scientific™
Multiskan Spectrophotometer, Vantaa, Finland). The degree of cell attachment and spreading
was studied by immunofluorescence staining. Samples were fixed with 4% paraformaldehyde
(PFA) for 20 min and stained with ActinRed™ 555 ReadyProbes® Reagent (Molecular Probes™,
Gaithersburg, MD, USA) following the manufacturer’s instructions and Hoechst 33342 (10 μg/mL)
(Thermo Scientific™, Rockford, IL, USA) for 30 min. After immunostaining, the top and bottom of the
specimens were examined by fluorescence microscopy (Nikon Eclipse Ti, Tokyo, Japan).

Cell morphology was characterized by scanning electron microscope (SEM) at 4 h, 4 days and
7 days of cell culture. Cells on the specimens were fixed with 2.5% glutaraldehyde in 0.1 M of
sodium cacodylate buffer for 2 h and postfixed in 1% osmium tetroxide for 1.5 h at room temperature.
Specimens were dehydrated with a gradient series of ethanol (50%, 70%, 80%, 90%, 95% and 100%)
followed by a hexamethyldisilazane (hmds) drying procedure. The specimens were sputter coated
with gold and inspected using a FEI Nova NanoSEM.

2.5. Statistical Analysis

Statistical analyses were performed using SPSS Statistics 20.0 (SPSS, Inc., Chicago, IL, USA).
Data were presented as mean ± standard deviation (SD). One-way analysis of variation (ANOVA)
together with Tukey–Kramer post-hoc analysis were used to identify significant differences
(significance threshold: p < 0.05).

3. Results

3.1. Morphology of Porous Scaffolds

The key morphological parameters of the scaffolds, such as pore size and strut diameter, were
measured by SEM and presented in Table 1. The measured strut diameters were larger than the original
designs for all samples due to the adhesion of the semimolten powder on the surface (Figure 2b).
We measured average surface roughness, Ra, using a Mitutoyo Surftest SJ400 and found it to be
around 10 μm. This is in agreement with the reported values of surface roughness of SLM printed
lattice structures [47]. In addition, volume fraction was quantified using the gas pycnometry and

6



Metals 2018, 8, 200

densitometry (Table 1). The volume fraction values were derived directly from the pycnometry and
calculated from the densitometry, based on the following equations:

V = (Wa − Ww)/0.9971 (3)

Vf (%) = V/Vt (4)

Table 1. The morphometric parameters of uniform and gradient BCC structures based on CAD designs,
gas pycnometry, digital densitometry and SEM.

Scaffold
Name

Porosity (%) Pore Size (mm) Strut Diameter (mm)

Design
Gas

Pycnometry
Densitometry

Difference
(%)

Design SEM Design SEM

U0.4 82 71.87 ± 0.01 71.45 ± 0.02 13 1.51 1.14 ± 0.03 0.40 0.57 ± 0.01

U0.6 64 53.06 ± 0.01 51.11 ± 0.01 17 1.26 0.94 ± 0.05 0.60 0.77 ± 0.01

U0.8 44 33.78 ± 0.01 31.86 ± 0.01 23 1.02 0.73 ± 0.03 0.80 1.06 ± 0.02

Dense-In 62 50.73 ± 0.01 49.38 ± 0.01 18
1.33 1.04 ± 0.02 0.40 0.59 ± 0.01
1.13 0.83 ± 0.01 0.61 0.72 ± 0.01
0.94 0.74 ± 0.07 0.82 0.92 ± 0.03

Dense-Out 62 51.90 ± 0.02 50.01 ± 0.01 16
0.94 0.62 ± 0.02 0.82 0.91 ± 0.02
1.13 0.82 ± 0.02 0.61 0.74 ± 0.01
1.33 0.98 ± 0.03 0.40 0.59 ± 0.01

 

Figure 2. SEM image of (a) a gradient Dense-Out structure, demonstrating the change in strut
diameter and pore size along the scaffold, (b) higher magnification view of the struts showing attached
semi-molten powders.

Here, V is the volume of the scaffolds, Wa is the weight measured in air, Ww is the weight
measured in water, 0.9971 is the density (g cm−3) of distilled water at 25 ◦C and 1 atm, Vf is the volume
fraction in percent, Vt is the total volume obtained from the outer dimension of the scaffolds, which is
1.2 cm3 for all. The porosity of the scaffolds is defined as 100-Volume fraction (%).

The measured values of volume fraction were smaller than the designed volume fraction values
for all samples. The difference between the original designs and pyconometry results was around
13–23%. These deviations are as expected since the as-fabricated strut diameters were larger than
the original designs, resulting in smaller pore sizes than the intended geometry. This difference
is characteristic to SLM process and is caused by effects such as staircase stepping due to layered
manufacturing and melt pool variation due to residual stresses [48].

Strut diameter change along the gradient BCC scaffolds was noticeable in SEM images, (Figure 2a),
confirming that the desired graded porosity was successfully achieved by the SLM process. The pore
size of gradient Dense-In scaffold was varied from 1.14 mm to 0.74 mm, whereas it was between
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0.62 mm to 0.98 mm for gradient Dense-Out scaffold. Measured porosity of the gradient Dense-In and
Dense-Out scaffolds were almost identical due to symmetric design along the horizontal center plane.

3.2. Mechanical Properties of Porous Scaffolds

The compressive nominal stress–strain plots of uniform and gradient BCC structures are
presented in Figure 3. The stress–strain curves exhibit characteristic stages of deformation for cellular
solids [10,49], including linear elastic region, followed by plateau region with fluctuating stresses.
The uniform structures showed similar behavior under compression; however, they reached different
levels of maximum stress and possess different elastic moduli. The stress–strain curves for gradient
structures also showed initially similar behavior to the uniform scaffolds. After the onset of plasticity
an abrupt structural collapse was observed in uniform scaffolds, but not in the gradient scaffolds.
Furthermore, the fluctuating degree of plateau region was more distinguished for the uniform scaffolds
than the gradient scaffolds.

 

Figure 3. Nominal stress–strain curves for uniform and gradient structures.

The elastic gradient between stresses of 20 MPa and 50 MPa (E(σ20–σ50)), the 0.2% offset yield stress
(σy) and the first maximum compressive strength (σmax) of the scaffolds are summarized (Table 2).
Elastic modulus, yield stress and compressive strength increases with extension in strut diameter
of the uniform structures or decrease in porosity. Aligned with the expectations of composite rule
of mixtures [50], the values of elastic modulus, compressive strength and yield stress of gradient
structures lie between those values of the uniform structures. No significant difference between elastic
modulus of gradient structures and Uniform 0.6 sample was observed (Supplementary document
Figure S1).
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Table 2. The summary of the mechanical properties of uniform and gradient BCC structures measured
by compression tests. (Mean ± SD).

Scaffold Name Eσ20–σ50 (GPa) σy (MPa) σmax (MPa)

U0.4 1.6 ± 0.2 53 ± 4 74 ± 2
U0.6 4.6 ± 0.4 192 ± 14 256 ± 4
U0.8 9.0 ± 0.6 392 ± 14 532 ± 11

Dense-In 3.9 ± 0.8 114 ± 8 150 ± 17
Dense-Out 3.5 ± 0.5 86 ± 11 128 ± 8

Relative modulus (E/E0) against the measured volume fraction (%) is plotted in Figure 4.
Elastic modulus was normalized relative to the values of solid Ti6Al4V (110 GPa). The observed
average trend shows a positive power relation with the volume fraction and this trend corresponds to
theoretically expected behavior of bending-dominated structures [10,51]. Results of a similar study
from the literature were used to support our data [52]. The gradient structures were not considered for
the power law curve since their volume fraction is similar to U0.6 specimen.

 

Figure 4. Relative elastic modulus vs volume fraction (%) of uniform and gradient BCC structures.
Power law curve and equation was fitted on the uniform BCC structure data and demonstrates
bending-dominated behavior.

Images of the initial stage and the progressive failure of uniform and gradient structures recorded
during the compression tests (Figure 5) show that the major failure bands were formed at a 45◦ angle
from the loading direction for all uniform BCC structures. For the gradient structures, the fracture
initiated from the thinnest struts, that is at the top and bottom plane for Dense-In and in the
middle for Dense-Out. This diagonal shear collapse of uniform structures is typical behavior of
BCC structures [52–54] and other structures with different cell geometries [55,56] owing to strut
bending at lattice joints [51].
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Figure 5. Failure modes of (a) U0.4, (b) U0.6, (c) U0.8, (d) Dense-In, (e) Dense-Out structures.
Left images (subscript 1) represent the initial state and middle (subscript 2) and last right images
(subscript 3) present the progressive failure. Highlights represent the observed regions of deformation
and failure. (Scale bars = 10 mm).

3.3. Cellular Response to Porous Scaffolds

In order to determine the ability of the scaffolds to interact with cells, the adhesion of MC3T3-E1
preosteoblast cells on the gradient, uniform and solid scaffolds were determined by MTS assay after
4 h of incubation and showed no significant difference in cell seeding between the scaffolds (Figure 6).

In order to determine the extent of cell proliferation on the scaffolds, an MTS assay was performed
after 4 and 7 days of culture. The uniform scaffolds showed a trend of decreasing cell number with
increasing strut diameter at both days 4 and 7 (Figure 7). For the U0.4 and U0.6 scaffolds the number
of cells approximately doubled across this time period whilst there was only a 70% increase on the
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U0.8 scaffold (Figure 8), further extending the difference in cell number between the samples. For the
gradient scaffolds, there were no significant differences in cell number on day 4. However, from
day 4 to day 7, there was almost a 400% increase in cell numbers on the Dense-In scaffold but only
20% increase in cell numbers on the Dense-Out scaffold, resulting in significantly fewer cells on the
Dense-Out scaffold as compared to the Dense-In scaffold on day 7. Although solid control sample
showed the highest cell number at day 7, the percentage increase from day 4 to day 7 was largest for
Dense-In scaffold. The final cell number on the Dense-Out scaffold was comparable to that of the
U0.8, with both scaffolds having similar diameter of the outermost struts of the design. These results
suggest that the scaffolds having thinner struts or larger pores on their outside surface (such as U0.4
and Dense-In) were more favorable for cell proliferation than the scaffolds having thicker struts or
smaller pores on their outer surface. Given that the surface area of Dense-In and Dense-Out is identical
as a result of their symmetrical design, it can be said that the cell viability was independent of surface
area in this study.

Further to cell proliferation, cell distribution on the uniform and gradient scaffolds was studied by
staining and imaging the cell nuclei and actin cytoskeleton. After 4 h of incubation, all of the scaffolds
had similar cell distribution on their top surface (i.e., the surface onto which the cells were seeded)
(Figure 9). The lack of cells at the bottom of the scaffolds suggests that most of the initial attachment
was on the top surface. After 4 days, substantially more cells were observed both on the top and
bottom surfaces of the U0.4 and Dense-In scaffolds, whereas there were no noticeable differences on
the other scaffolds between 4 h and day 4 time points (Figure 10). At day 7, all the scaffolds had high
density of cells on their top surface; whilst, the bottom surface of U0.6, U0.8 and Dense-Out scaffolds
had almost no cells. In contrast, the bottom surface of U0.4 and Dense-In scaffolds had visibly higher
cell densities.

Figure 6. Adhesion of cells to uniform and gradient porous structures and to solid control sample as
measured by MTS assay after 4 h. The optical absorbance (OD) was measured at 490 nm. Data are
presented as mean ± SD (n = 3). No statistically significant differences were observed between scaffolds.
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Figure 7. Cell proliferation measured by MTS assay after culturing 4 and 7 days on the uniform and
gradient porous structures. The optical absorbance (OD) was measured at 490 nm. Data were presented
as mean ± SD (n = 3). (* p < 0.05, ** p < 0.01, *** p < 0.001 when compared using ANOVA Tukey–Kramer
post-hoc test).

Figure 8. Percentage increase in od absorbance of the scaffolds from day 4 to day 7.
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Figure 9. Fluorescence micrographs representing merged Hoechst stained nucleus (blue) and actin
cytoskeleton (red) of MC3T3-E1 preosteoblast cells on the uniform and gradient BCC structures after
culturing for 4 h. Top represents the side where cells were seeded onto the samples.
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Figure 10. Fluorescence micrographs representing merged Hoechst stained nucleus (blue) and actin
cytoskeleton (red) of MC3T3-E1 preosteoblast cells on the uniform and gradient BCC structures after
culturing for 4 days and 7 days. Top represents the side where cells were seeded onto the samples.

Despite the difference in cell proliferation and migration on the different scaffolds, cell morphology
was similar for the scaffolds when the images were taken from the top surface (Figure 9). SEM images
taken from the middle and bottom part of the scaffolds supported the findings of fluorescent images
showing differing cell penetration depth profiles for the varying scaffold structures (Supplementary
document Figures S2–S6). The number of cells decreased in the middle and bottom parts of the U0.8
and Dense-Out scaffolds, as compared to U0.4 and Dense-In scaffolds. Cells were noticed to form a
sheet-like elongated matrix (dashed line) (Figure 9). Moreover, the morphology of cells presented a
high density of filopodia-like projections (red arrows) extending from the leading edges of cells and
interacting with the substrate. The interaction between cells and substrate observed by SEM (Figure 11)
shows that cells attach both on and between the unmelted powders, indicating that SLM process are
beneficial to cell attachment and colonization.
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Figure 11. SEM images of the MC3T3 preosteoblast cells after culturing for 7 days on the top surfaces
of (a) U0.4, (b) U0.6, (c) U0.8, (d) Dense-In, (e) Dense-Out, (f) solid scaffolds.

4. Discussion

In this work, the effect of gradient porous structures on both biological response and mechanical
behavior is investigated. The generated gradient structures, denoted as Dense-In and Dense-Out,
utilize gradual change in diameter and therefore minimize the stress concentration at the lattice
junctions. The designed pore sizes changed from 940 μm to 1330 μm for the gradient scaffolds.
The deviation of pore size and strut diameter between CAD design and fabricated scaffolds were
within an expected range [57] and was attributed to surface irregularities [58]. The deviation for each
scaffold was similar, demonstrating the consistency of the SLM fabrication process. Porosities of the
uniform scaffolds varied from 32% to 72%, and both gradient structures had a porosity of 50%. SEM
images revealed that all scaffolds had unmelted powder attached to the surface of the struts due to
layered manufacturing and melt pool variation during the SLM process.

The stiffness of the tested scaffolds varied in the range of 1.6 to 9.0 GPa, which aligns with the
stiffness range of the trabecular (0.4 GPa [59,60]) and cortical bones (3–20 GPa [5,24]). The yield stress
values of the scaffolds were in the range of 53 to 392 MPa, which lies in the range of cortical bones
(33–193 MPa [24,61]), but it is not suitable for a replacement of trabecular bone, 2–17 MPa [60].
Considering the scaffolds presented in this study aim to be used as load-bearing implants for
replacement of cortical bones, the yield stress and elastic modulus values satisfy the mechanical
property requirements.

Table 2 shows that the elastic modulus, yield stress and maximum compressive strength values
increase as the strut diameter increases or porosity decreases. The mechanical properties of gradient
structures lie in the range of representative values of uniform structures and can be predicted based on
an assumption that gradient structures are composites of uniform layers of the same diameter struts.
Based on this assumption, the elastic modulus of gradient structure in uniaxial compression can be
calculated through the general rule of mixtures [42,50]:

1
EGradient

=
1

3EU0.4
+

1
3EU0.6

+
1

3EU0.8
(5)
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Using Equation (1), elastic modulus of gradient structure was calculated to be 3.2 GPa,
which is comparable to the measured values of 3.9 and 3.5 GPa for Dense-In and Dense-Out
scaffolds, respectively.

The deformation response of uniform BCC structures follows the bending-dominated behavior
with diagonal shear collapse. Interestingly, the failure mechanism of gradient structures was
different due to sequential layer collapse and various deformation stages occurring simultaneously.
Thinner struts reached the densification stage (when two opposite cell walls come together as the pore
size decreases) while the thicker struts were still in the plateau region during the compression test.
The predominant fracture band of gradient structures was initiated at the thinnest struts due to high
stress concentrations on the thin strut junctions. This failure mechanism has also been noted in other
studies [44,45].

Further to mechanical behavior studies, we analyzed the in vitro response of the scaffolds with
preosteoblast cells. The degree of cell attachment was similar for all scaffolds, but cell proliferation
and colonization were significantly different. Scaffolds with a thin strut diameter on the periphery
(U0.4 and Dense-In) allowed cells to populate throughout the scaffold whereas those with a thicker
outer strut (U0.6, U0.8 and Dense-Out) did not allow cells to migrate to the bottom surface, suggesting
that cells were entrapped at the smaller pore size region (top surface). Consequently, the proliferation
rate of cells on these scaffolds was markedly less. Although this immobilization behavior of the
preosteoblast cells when seeded from small pore size region was observed in the previous studies
of Nune et al. [38,39], the underlying reason for this behavior is still unknown. The smallest pore
size in our scaffolds were 940 μm which is larger than the suggested pore size (100–300 μm) for cell
colonization and migration [62,63]. In addition, the smallest pore size is much larger than an average
size of a MC3T3-E1 pre-osteoblast cells (20–40 μm, Figure 9). It is not yet clear why thicker struts on
the scaffold periphery inhibit cell activity whilst the thick struts on the interior of the Dense-In scaffold
did not deter colonization of cells through the whole structure.

Our results suggest that the surface area does not affect the cell attachment and proliferation.
The large surface area of the U0.8 scaffold, due to its large strut diameters, was expected to promote
cell attachment and growth; however, it showed the lowest cell number at day 7. Similar behavior was
observed for the gradient structures, which possessed equal surface area but showed a large difference
in cell number. It is therefore likely that, parameters other than the surface area of the scaffold affected
the cell colonization. Identification of the specific factors would require further clarification but could
include the flow conditions and cellular aggregation [39]. In addition, it would be interesting to assess
whether vascularization happens more quickly or easily with larger pores on the periphery than the
smaller pores on the periphery.

In recent years, additively manufactured gradient structures for tissue engineering have been
studied [37–39,41,44,64,65]; however these studies either focused on the mechanical properties or
biological response independently. In this work, the biological and mechanical responses were
assessed simultaneously allowing us to study the overall impact of the designed geometry of the
scaffolds. Our results suggest that when designing a porous gradient structure, both biological and
mechanical requirements must be considered concurrently, since their requirements are opposing.
The compression test results demonstrate the benefit of utilizing smaller pore size in increasing the
stiffness and strength of the porous scaffolds; whereas, the cell proliferation data suggests that scaffolds
with larger pore size in their outer surface favors cell proliferation. Therefore, it can be concluded
that gradient scaffolds provide a possible solution for overcoming the conflicting requirements of
bone tissue implants. Gradient structures with decreasing pore size towards their center can provide
the required strength and stiffness, while simultaneously promoting cell colonization throughout the
whole scaffold. The Dense-In scaffold fabricated in this study has an elastic modulus of 3.9 GPa which
is in the range for those of cortical bone [5]. Furthermore, this scaffold has a varying pore size ranging
from 1330 μm on the outside to 940 μm at the core. These values have been previously reported to be
favorable for cell colonization as well as bone ingrowth and vascularization [66–68].
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In summary, an ideal scaffold for bone regeneration should facilitate cell attachment, infiltration
and matrix deposition to guide bone formation [69] as well as providing initial mechanical support
to the surrounding bone [70]. Porous titanium scaffolds can meet the mechanical strength and bone
formation requirements without osseoinductive biomolecules [68]; however, the pore size of the
scaffolds needs to be high for bone-ingrowth whereas, as the porosity increases, the mechanical
strength and integrity of the structure decreases [71]. Gradient structures represent an ideal candidate
to overcome these opposing requirements of high porosity and mechanical strength.

Our study demonstrated the benefit of the gradient scaffold with larger pores in its outer surface
in terms of gaining optimum mechanical strength and promoting cell attachment and colonization.
In addition, this framework demonstrates that mechanical properties can be tailored through gradient
structure design and simultaneously improve the biological response. This approach therefore holds
significant promise in the development of orthopedic implants, where the location of the implant and
the corresponding loading condition can dictate the implant topology.

5. Conclusions

This work combined and assessed the in vitro behavior and mechanical response of gradient and
uniform porous scaffolds for bone tissue engineering. For this purpose, five different BCC structures
were fabricated using selective laser melting technology. Static mechanical properties of the gradient
structures followed the rule of mixtures and the obtained values are in the range of those corresponding
values for uniform structures. The mechanical properties of all studied scaffolds are comparable to
the reported mechanical properties of the cortical bone. Quantitative analysis of cell viability showed
higher cell colonization and proliferation rates for scaffolds with large pores (1000–1100 μm) in their
outer surface after 4 and 7 days of culturing. However, when comparing the mechanical properties of
structures with this comparable biological activity, the uniform U0.4 scaffold showed less than half of
the respective mechanical properties for the Dense-In scaffold. The combined results of compression
tests and in vitro biological analyses indicate that the Dense-In scaffold is an ideal porous structure to
balance mechanical and biological performances to meet the requirements of load-bearing implants.
Based on the results presented in this work, optimal gradient structures should possess small pores
in their core in order to increase their mechanical integrity and strength while large pores should be
utilized in their outer surface to avoid pore occlusion. We suggest that this approach could be widely
used in the design of orthopedic implants to maximize both the mechanical and biological properties
of the implant.

Supplementary Materials: The following are available online at http://www.mdpi.com/2075-4701/8/4/200/s1,
Figure S1: Mechanical properties of the scaffolds; Figures S2–S6: Observation of cell morphology and distribution
along the scaffolds by SEM.
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Abstract: Background: Nowadays, hip cups are being used in a wide range of design versions and in
an increasing number of units. Their development is progressing steadily. In contrast to conventional
methods of manufacturing acetabular cups, additive methods play an increasingly central role in
the development progress. Method: A series of eight modified cups were developed on the basis
of a standard press-fit cup with a pole flattening and in a reduced version. The surface structures
consist of repetitive open-pore load-bearing textural elements aligned right-angled to the cup surface.
We used three different types of unit cells (twisted, combined and combined open structures) for
constructing of the surface structure. All cups were manufactured using selective laser melting (SLM)
of titanium powder (Ti6Al4V). To evaluate the primary stability of the press fit cups in the artificial
bone cavity, pull-out and lever-out tests were conducted. All tests were carried out under exact fit
conditions. The closed-cell polyurethane (PU) foam, which was used as an artificial bone cavity, was
characterized mechanically in order to preempt any potential impact on the test results. Results and
conclusions: The pull-out forces as well as the lever moments of the examined cups differ significantly
depending on the elementary cells used. The best results in pull-out forces and lever-out moments
are shown by the press-fit cups with a combined structure. The results for the assessment of primary
stability are related to the geometry used (unit cell), the dimensions of the unit cell, and the volume
and porosity responsible for the press fit. Corresponding functional relationships could be identified.
The findings show that the implementation of reduced cups in a press-fit design makes sense as part
of the development work.

Keywords: Ti6Al4V; selective laser melting; mechanical characterization; press-fit; primary stability

1. Introduction

Implants today are an important achievement of modern society and an indispensable part of
daily life. To improve an implant design, it is important to build a knowledge base that allows insights
gained to be integrated into new developments. Modern, generative manufacturing processes provide
an excellent foundation for the support and acceleration of the knowledge required in the area of
experimental development and for the transfer from result in application [1–4]. Developing implants
beyond the current state of the art, for example in the field of orthopedics, is an interesting task for
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development engineers. Due to their outstanding mechanical and biocompatible properties, titanium
and titanium alloys, in addition to other materials, are at the center of development work [5–7].

Of major interest is the implementation of open-porous structures in orthopedic implants. These
structural elements provide excellent conditions to fulfil structural and functional requirements.
Open-porous structures meet the mechanical requirements regarding surface quality as well as those
regarding design conditions [8–10]. In addition, such structures offer a potential for solving the
problems of different stiffnesses between human bone and full implants [11,12]. As a result of their
geometry, open-pore structures offer the cells good conditions for nutrient supply, and consequently,
the possibility to grow well into the pores. Characteristic features of open-pore structures like pore size
and distribution as well as connectivity affect biological processes like cell migration and proliferation
and as a result the regeneration process [3,13].

The applications of open-porous and load-bearing structures in orthopedic applications range
from femoral stems, knee implants to artificial hip cups [3]. Harrison et al. developed a new surface
architecture for orthopedic stem components to ensure a greater resistance against transverse motion.
This allowed an enhanced primary fixation [14]. Jetté et al. designed a femoral stem with a diamond
cubic lattice structure and assessed its potential as a biomimetic construct for load-bearing orthopedic
implants [15]. Marin et al. evolved an acetabular cup with Trabecular TitaniumTM to increase
osseointegration [16].

The design of the area between the implant and human bone or the transition boundary between
the implant and human bone is crucial for the success of the substitution of bone with the implant.
A large number of investigations are therefore concerned with the implementation of implant surfaces
with biocompatible or bioactive properties [17–20]. The aim is to establish conditions that will optimally
assist bone in growing in order to achieve maximum secondary stability [21–25].

Numerical simulations are also frequently used in the area of implant development as an
indispensable link between constructive development ideas and experimental testing [26–30]. The
success of an implantation is determined not only by secondary stiffness but also by primary
anchoring strength [29,31,32]. Le Cann et al. investigated the influence of surface roughness on
primary stability [33]. Goriainov et al. tested the interaction between the surface properties of the
acetabular cup and its initial stability [34]. Gebert et al. studied the influence of press-fit parameters
on the primary stability of uncemented femoral head resurfacing prostheses [35]. With this work, an
influence of the surface roughness on the primary stability could be demonstrated. It is particularly
remarkable that the primary stability can be improved up to a respective roughness value beyond
which deterioration occurs is essentially influenced by the cup design. However, the influence of
modifications to commercially available implants on primary stability must not be disregarded when
considering the entire subject area [36,37]. Primary stability as a prerequisite for good osseointegration
significantly influences the success of an implantation [29].

In the field of press-fit cups, experimental work evaluating the pull-out and lever-out behavior
in preclinical as well as in post-clinical investigations is of particular interest for the assessment of
anchoring strength [38–43]. Besides bones (cadavers) closed-cell foams are being used more and more
often in their function as an artificial bone bed [37,44–46]. In addition to different PU (polyurethane)
foams, EP-DUR polyurethane foams, polymethacrylamide (PMI) foams and a combination of a
polyvinyl chloride (PVC) layer and a PMI foam have served as bone substitutes [47–49]. Although
PU foam deviates from the properties of acetabular bone, it is well suited for experimental work
due to its uniform cell structure and associated mechanical properties. This is mainly because of the
reproducibility of the results, better availability and avoidance of ethical problems.

In the context of this work, standard acetabular cups in the press-fit version were constructively
provided with a porous layer on the surface to experimentally determine the influence on primary
stability. The porous structures were applied to a reduced-acetabular cup, the suitability of which for
the characterization of primary stability has been evaluated in a previous study [50]. All acetabular cups
were manufactured using additive manufacturing technology (Selective Laser Melting). The porous
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surface structures were varied constructively in order to generate different densities in the structural
layer and to vary the structure-determining geometry. These constructively produced structures,
though differing significantly, nevertheless aim to deliver bone-like properties as a load-bearing
structural layer. Thus, forces occurring in the implant bed can be directly absorbed and transmitted by
the implant. The porous structure, which has an osteoconductive effect and supports osteoinduction,
can significantly improve primary stability [21,25].

The focus of the experimental work is the description of the impact of the applied structural
geometry on the primary stability.

2. Materials and Methods

2.1. Cup Design

The modified cups (Figure 1) were designed on the basis of a conventional press-fit cup with a
pole flattening. The suitability of a modified press-fit cup (reduced height) for the use in a development
phase was verified in an earlier study [50]. All cups were designed in a reduced design with an
equatorial cup diameter of 55.3 mm and a pole flattening of 1 mm. The height profiles of the cup
were recorded (equatorial cup diameter 55.3 mm; pole flattening 1 mm) by means of a non-contact
measuring microscope Mitutoyo—QVE-200 Pro (Mitutoyo Corporation, Kawasaki, Japan), transferred
to a CAD model (PTC Creo, Version 3.0, Parametric Technology Corporation, Needham, MA, USA) and
redesigned. The pattern used was an Allofit-IT 54/JJ (Zimmer GmbH; Winterthur; Switzerland). The
surface structures consist of repetitive open-pore load-bearing textural elements aligned right-angled
to the cup surface. The mechanical properties of the selected load-bearing open-pore structure were
successfully ascertained in pretests [51–54]. The surface structure was adapted in its outer dimensions
to the height profile of the Allofit IT-54/JJ. We have developed three different cup designs with three
different types of unit cells (Table 1). Altogether, 8 different press-fit cups have been constructed.

Figure 1. Designs of artificial acetabular cups with an open-porous load-bearing unit cell
in a reduced variant; (A) Illustration—twisted unit cell, (B) Illustration—combined unit cell,
(C) Illustration—combined open unit cell substitute, (D) Press-fit area and gap in case of reduced cup
model (negative press-fit)—schematic figure and photograph, all units are in mm.

Cup variant A with a twisted unit cell geometry exists in five versions. The unit cells differ in
depth a between 2.12 mm and 2.83 mm, in width b between 2.12 mm and 2.83 mm and in height c
between 3 mm and 4 mm. The rod diameter d varied between 0.8 to 1.1 mm. Cup variant B with a
combined unit cell geometry exists in two versions. The unit cells have a depth a of 4 mm, width b
of 4 mm and height c of 4 mm. The rod diameter d varied between 0.8 and 0.9 mm. The combined
unit cell geometry is designed with a cubic structure with transverse struts on the outer surfaces and
a diamond-like structure. Regardless of the force acting on the unit cell, this structure offers very
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uniform strength. The structure is very suitable for use on the surface of a press-fit cup thanks to its
direction-independent nature [54].

Table 1. Overview of the eight different cup-designs, the types of the unit cells (twisted, combined and
combined open), the dimensions of the unit cells and porosities and volumes of the press-fit area. All
values are derived from CAD data and are given in mm.

Unit Cell Twisted (V)
Combined

(D)
Combined Open

(D_o)

Dimension V4_09 V4_10 V4_11 V3_09 V3_08 D4_09 D4_08 D_o_4_09

Width-a (mm) 2.83 2.83 2.83 2.12 2.12 4.00 4.00 4.00

Depth-b (mm) 2.83 2.83 2.83 2.12 2.12 4.00 4.00 4.00

Height-c (mm) 4.00 4.00 4.00 3.00 3.00 4.00 4.00 4.00

Strut diameter-d (mm) 0.90 1.00 1.10 0.90 0.80 0.90 0.80 0.90

Porosity-Structure area (%) 72.50 67.40 60.60 58.80 65.50 61.10 66.90 74.80

Volume-Press-fit area (cm3) 0.30 0.39 0.25 0.32 0.54 0.97 0.91 0.77

Cup variant C with a combined open unit cell geometry exists in one version. The unit cells have
a depth a of 4 mm, width b of 4 mm and height c of 4 mm. The rod diameter d is 0.9 mm. The combined
unit cell geometry is designed with a cubic and a diamond-like structure without transverse struts on
the outer surfaces. Using the overall model of the cups as a basis, reduced designs were created. With
the reduction of the acetabular cup, the pole near area was removed, but the press-fit was retained.
Cup regions from the press-fit regions protrude so far that a gap of 0.25 mm is created between the
artificial bone bed and the cup (negative press-fit-Figure 1-Area D).

The following expression was used to calculate the porosity of load-bearing structure volume
from the CAD data:

Porosity − structure area =

(
1 − Vstr

Vfull

)
·100% (1)

where Vstr is the volume of the area with the struts and Vfull is the overall volume of this area in a
closed manner.

The volume (Press-fit area) produced by the structured section of the cups was also calculated
by CAD. For this intention, it was virtually determined how large the volume is that penetrates the
artificial bone cavity (Figure 2). The acetabulum and artificial bone cavity were positioned in the CAD
system in the same way as in the test situation. The results for every cup-design are given in Table 1.

Figure 2. The cup is positioned in the artificial bone cavity (left) and the area virtually penetrates the
artificial bone cavity-red hatched area (right). This area describes the Press-fit volume.
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2.2. Fabrication

(1) The acetabular cups considered in this paper were manufactured by C. F. K. CNC-
Fertigungstechnik Kriftel GmbH (C. F. K. CNC-Fertigungstechnik Kriftel GmbH, Kriftel, Germany)
using selective laser melting with a SLM 280. Titanium powder (Ti6Al4V) with a mean particle size
of 43.5 μm was used for their manufacture in a highly pure argon atmosphere. All parts were built
using identical processing parameters (Table 2) in the same orientation and on a substrate plate with a
support structure. The support structures were removed mechanically by hand.

Table 2. SLM process-energy-relevant process parameters.

Parameter Description Unit Process Parameter

P Laser power W 275
v Scan speed mm/s 805
d Hatch spacing μm 120
t Layer thickness μm 50

(2) For the production of artificial bone cavities Sika Block M 330 (Sika GmbH, Stuttgart, Germany)
was applied. This material, a thermosetting polyurethane with closed cells, is ideally suited for a
comparative evaluation of the relevant acetabular cups. The properties comprise from a density of
0.24 g/cm3 (according to test standard ISO 845) and a compressive strength of 4 MPa (according to test
standard ISO 844) to an elastic modulus of 150 MPa (according to test standard ISO 850).

The material was provided in plate form in the dimensions 1000 × 500 mm. The artificial bone
cavities were manufactured using a CNC milling machine i-mes-FLATCOM 50-VH (i-mes GmbH,
Eiterfeld, Germany) using the plate.

The artificial bone cavities were manufactured as described in Weißmann et al. Since the
mechanical properties of the plate vary across the width of the plate due to the manufacturing
process, the cavities were used for each acetabulum from a corresponding material line (n = 5) [50].

2.3. Measurements

The measurements of the following points were carried out extensively as described in Weißmann
et al. [50]. Here, the relevant points are briefly explained.

(1) The measurements of the acetabular cups as well as the artificial bone cavities, both
being relevant for the press-fit, were performed with a non-contact measuring microscope
(Mitutoyo-QVE-200 Pro; Mitutoyo Corporation, Kawasaki, Japan). Based on the measurement points,
circles of best fit were determined using the method of least squares. The outlier identification and
elimination from the measurement data due to light reflections and loose PUR particles was performed
using a box plot (according to John W. Tukey) in a Matlab script. To verify the actual press-fits and for
quality control, the resulting replacement diameters were used.

(2) In all cases, the assessment of the primary stability (anchoring strength) of the press-fit cups
was realized by pull-out tests (Figure 3) with a universal testing machine (INSTRON E 10,000; Instron
GmbH, Darmstadt, Germany). The cups were first press-fitted into the artificial bone cavities until they
were flush with the edge of the cavity. Following this, the cups were pulled out of the cavity using a
pull-out stamp. The speed for both the press-fit of the cup into the bone cavity and the pull-out of the
cups was 5 mm/min. In the measurements, each performed 5 times per press-fit cup, the effective
measurement data (Fpull-out) were recorded. As primary pull-out stability the first force maximum
was used.

(3) The assessment of the initial tangential stability of the acetabular cups were realized by
lever-out tests (Figure 4) with a universal testing machine (Zwick Z50; Zwick GmbH & Co. KG, Ulm,
Germany). The cup was first pressed into the artificial bone cavity until the edge of the cup is flush
with the bone bed. The cup was first pressed into the artificial bone cavity until the edge of the cup
was flush with the bone bed. The cup was then vertically loaded with a force until it was released. The
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first local maximum (FL) load was evaluated as the primary lever-out stability, which at the same time
indicates the beginning of the movement of the cup in the bone cavity. The speed for the press-fit of
the cups into the bone cavity and the lever-out of the cups was 5 mm/min. A moment MI of 0.62 Nm,
resulting from the dead weight (0.87 kg) and length (178.3 mm) of the lever, was also integrated into
the calculation.

 

Figure 3. Pull-out-test setup—(A) Complete experimental setup; (B) Cup ready for pressing in;
(C) View from upside of the acetabular cup with artificial bone cavity and the pull-out stamp; (D) Cup
completely press-fitted.

Figure 4. Pull-out-test setup—(A) Experimental setup-press-fitting; (B) Experimental setup-
levering out.

The lever-out moment was calculated as follows:

ML = FL·l + MI (2)
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In the calculation is FL the maximum lever-out tilting force, l the lever length and MI the
specific moment.

On the basis of the determined force FL and the displacement of the cup in the bone cavity, it is
possible to evaluate the work required to lever out the cup.

The lever-out work was calculated as

W = FL·s (3)

from the lever-out tilting force FL and the displacement s of the cup.

2.4. Statistical Analysis

All data listed in tables are expressed as mean values ± standard deviation (SD). A non-linear
regression with Excel 2016 for Windows was used to display the relationships between the volume of
the press-fit area and the lever-out moment as well as the pull-out force.

All statistical analyses were made using SPSS, software version 22 for Windows (SPSS® Inc.
Chicago, IL, USA). For the pull-out force, the lever-out moment and the lever-out work, a one-way
ANOVA followed by Dunn’s T3 post-hoc test was made to statistically examine significant differences
between the means. The results from this comparison were shown in a boxplot. A significance level of
p < 0.05 was regarded as statistically significant.

3. Results and Discussion

3.1. Accuracy of Fabricated Samples

Table 3 lists the dimensions determined for the artificial bone cavity and the acetabular cups. The
press-fit of the cups are calculated as the difference between the best fit circle of the press-fit cups and
the best-fit circle of the artificial bone cavity

Table 3. Accuracy of fabricated bone cavities (diameter cavity) and acetabular cups (equatorial
diameter) as well as the resulting press-fits of these combinations. The values from the bone cavities
are given as the arithmetical average (n = 5).

Name
Press-Fit Cup Artificial Bone Cavity

Press-Fit (mm)
Best Fit Circle (mm) Roundness (mm) Best Fit Circle (mm) Roundness (mm)

V3_08 55.32 0.26 53.18 ± 0.02 0.14 ± 0.02 2.13 ± 0.02
V3_09 55.47 0.17 53.34 ± 0.02 0.13 ± 0.04 2.13 ± 0.01
V4_09 54.90 0.29 52.68 ± 0.01 0.15 ± 0.01 2.16 ± 0.01
V4_10 55.03 0.02 52.87 ± 0.01 0.14 ± 0.02 2.15 ± 0.01
V4_11 55.20 0.28 53.07 ± 0.01 0.12 ± 0.01 2.13 ± 0.01
D4_08 54.98 0.30 52.87 ± 0.01 0.14 ± 0.01 2.11 ± 0.01
D4_09 55.04 0.11 52.87 ± 0.01 0.14 ± 0.01 2.17 ± 0.01

D_o_4_09 55.03 0.25 52.87 ± 0.01 0.14 ± 0.01 2.16 ± 0.01

The processing values for the artificial bone cavities were determined based on the values for
press-fit cups. The aim was to provide a constructive press-fit of 2 mm for all cup-bone cavity pairs.

For all pairings a press-fit was achieved between a minimum of 2.11 mm and a maximum of
2.17 mm. The deviations among each other amount to a maximum of 0.06 mm. With respect to the
minimum possible press-fit, this is less than 3% (2.84%). The roundness values of the bone cavity of
0.12 to 0.15 demonstrate the high repeatability of the manufacturing method for artificial bone cavities.
The roundness values of the press-fit cups from 0.02 to 0.30 vary slightly more. With respect to the
additive manufacturing process, these are excellent results [55–58].

Dimensional deviations or differences in the produced press-fit can lead to different insertion
forces. These differences would be the cause of stress differences in the bone cavity and unequal
conditions for the contact of the press-fit cup with the surface of the bone cavity. The resulting
deviations produce differences in tension in the bone cavity and create different conditions for the
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movements of the press-fit cup in the bone cavity [44,49]. Only if the conditions for the generation of a
good primary stability are given, can corresponding good long-term results be expected [27].

Overall, it can be assumed that the differences between each other are so small that this will have
no effect on the assessment of the primary stability of the artificial acetabular cups. The press-fit results
are only so slightly different that the results in the pull-out test and the lever-out test are not affected.

3.2. Pull-Out Force

To determine the pull-out forces, the manufactured cups were stripped from the cavities after
being press-fitted into the artificial bone cavity. The results are shown in Figure 5 and Table 4.
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Figure 5. Boxplots of the measured pull-out force (N). Boxplots indicate the median value, the
interquartile range (IQR: interval between the 25th and 75th percentile, blue rectangle) and the
extremum values (n = 5).

Table 4. Significances of the determined pull-out-forces from the different press-fit cups. For statistical
analysis one-way ANOVA with Dunn’s T3 post-hoc test was conducted. Values of p < 0.05 were set to
be significant (N.S.—not significant).

Cupversion D4_09 D_o_4_09 V3_08 V3_09 V4_09 V4_10 V4_11

D4_08 N.S. 0.00438 <0.001 <0.001 <0.001 <0.001 <0.001
D4_09 - 0.00193 <0.001 <0.001 <0.001 <0.001 <0.001

D_o_4_09 - - <0.001 0.0006 <0.001 <0.001 <0.001
V3_08 - - - N.S. N.S. 0.0242 N.S.
V3_09 - - - - N.S. N.S. N.S.
V4_09 - - - - - N.S. N.S.
V4_10 - - - - - - N.S.

The results of the experiments carried out according to the measuring methodology reveal
differences that are related to the structural elements used. Whereas the combined structures achieve
the highest results (D4_08 = 708 N; D4_09 = 704 N), the pull-out forces for the twisted structures (Max:
V3_08 = 351 N; Min: V4_10 = 308 N) are significantly lower. The combined open structure (550 N) lies
between the two combined variants and the cups with the twisted structures.

After carrying out a statistical significance test using one-way Anova with Dunnett’s T3 post-hoc
test (multiple comparisons), the following relationships become clear. The two combined structures
do not differ significantly from each other. However, the combined open structure is significantly
below the combined structure (D4_08 to D_o_4_09/p = 0.00438; D4_09 to D_o_4_09/p = 0.00193). The
differences in the twisted structures are consistently significant (values see Table 4). In the twisted
structures only version V3_08 deviates significantly from version V4_10 (p = 0.0242). The differences
between the combined open and twisted structures can mainly be explained by the existing differences
in press-fit volume. The press-fit volumes of the combined (D4_08 = 0.91 cm3; D4_09 = 0.97 cm3) and
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the combined open structure with 0.77 cm3 clearly differ from the twisting structures (<0.54 cm3).
However, this relationship is not identifiable in the twisting structures, since despite clear differences in
the press-fit volume between the twisting structures, a significant difference could only be determined
between the variants V3_08 and V4_10. It seems that in addition to the press-fit volume, other
influencing factors such as the surface quality (roughness and manufacturing accuracy) of the struts of
the structure and their dimensions (length, diameter, surface area) could play a role [55,59].

The pull-out behavior of the different cup models is shown in Figure 6. The representation of the
force profiles over cup displacement in the artificial bone cavity additionally offers the possibility to
evaluate the measured maximum force in relation to the reached cup displacement at that time. The
curves show characteristic differences.
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Figure 6. Representative force-displacement curve of the pull-out tests for each cup design.

The curve for the cups with a combined structure differs clearly from the curves for the cups
with a combined open or twisting structure. The most striking feature here is the cascading force
decrease after a maximum force has been exceeded. This cascade is characterized in that a renewed
force increase is determined after a drop in force. This course reflects the loosening and re-jamming
of the cup in the artificial bone cavity. These cascades are most pronounced in version D4_09. This
cascade development is also evident in the combined open structure version D4_08, though weaker.
Apparently, this cascade is due to the larger space between the individual struts or the greater porosity.
Here, the material of the artificial bone cavity has the possibility to fill more space. The necessary
release from this room requires force again.

This cascade is characterized in that a renewed force increase is determined after a drop in force.
This course reflects the loosening and re-jamming of the cup in the artificial bone cavity. These cascades
are most pronounced in version D4_09. This cascade development is also evident in the combined
open structure version D4_08, though weaker. Apparently, this cascade is due to the larger space
between the individual struts or the greater porosity. Here, the material of the artificial bone cavity has
the possibility to fill more space. The necessary release from this room requires force again.

The number of cascades obviously results from the number of superficial, continuous struts
(Figure 7—red lines). The maximum peak (and thus the first peak of force) results from overcoming
the edge of the hip cup. The second to fifth peak results from the strut contours. Starting at the highest
point of the continuous strut lines. The differences in cascade intensity of the cup variants are caused
by the differences in the strut diameter. The strut with a rod diameter of 0.9 mm has a larger contact
surface to the artificial bone bed. This requires more force to loosen from the artificial bone cavity.
The differences between the open and closed variants (D_o_4_09 and D4_09) are due to the varying
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degrees of free space in the surface of the hip cups. More free space (D_o_4_09) requires less force than
with the closed variant (D4_09).

Figure 7. Representation of the cascades with reference to the structure on the cup surface.

The press-fit cups with the twisted structure show a completely different behavior. After reaching
the force maximum, the corresponding force path continues at a uniform level of force. This applies to
the twisted structure with a height of 3 mm as well as to the structure with a height of 4 mm. It is clearly
shown here; however, that the versions in the 4 mm height maintain this level of force significantly
longer. A weakening of the cup anchoring takes place here only after about 1.5 mm compared to
about 1 mm in the variants with a height of 3 mm. Here, the cups with the structural elements whose
individual elements have a height of 4 mm and an associated spacing of the bars of 2.83 mm, provide
the artificial bone cavity material more space for anchoring than the variant of 3 mm height and a
spacing of 2.12 mm. As a result, the force is maintained longer at one level.

In view of later desired ingrowth of the bone into the structural area as well as the formation of
blood vessels, larger open areas have advantages over the smaller areas [22,25,60]. Here it is important
to carefully observe the interaction of the geometric conditions (unit cell and macro-porosity) and
the component properties influenced by the additive manufacturing process (e.g., roughness or
micro-porosity, surface finish at intersections) [61–63].

While the diamond structures reach the maximum force required to pull out at approx. 0.6 to
0.7 mm, these values for the twisted structures are approx. 0.2 to 0.3 mm. The open combined structure
shows a maximum at approx. 0.35 mm. In addition, it can be seen that the twisted version with a
height of 3 mm as well as the combined structure D4_08 still require approximately 100 N after about
1.6 to 1.8 mm displacement for a further release.

In the case of the twisted versions with a height of 4 mm and the open combined structure, the
cups have already experienced a displacement of approximately 2.5 mm at a force of 100 N. The
progression curves of the press-fit cups are very similar. This value probably reflects the interaction
between the artificial bone cavity and the surface of the additively manufactured cup.

As can be seen from Figure 8, all cups leave clear traces of an impression on the entire
circumference of the artificial bone bed. The evaluation of these traces using this visual assessment
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of the contact surface has been described, for example, by Le Cann et al. to characterize how the
roughness of a cup affects primary stability [33].

 

Figure 8. Representative pictures of the bone cavities after the pull-out test for each cup design.

All cups left distinct positioning traces in the press-fit region. The artificial bone cavity remained
intact. The artificial bone cavities shown in Figure 8 exhibit clear marks of an anchorage. The damage
patterns of the artificial bone cavity differ optically from each other.

All twisted versions show dot-like impressions in the cavity area. The cavity edges remain sharply
intact. Differences caused by the different bar diameters (3 and 4 mm) and bar distances (2.83 and
2.12 mm) are optically present. With increasing bar diameter, the damage in the bone bed also increases.
Variant V4_11 shows clearer and stronger traces than versions V4_10, V4_09, V3_08 and V3_09.

The combined structures (D4_08, D4_09) show rather flat impressions on the artificial bone cavity
areas. The cavity edges tend to blur slightly, as a representation of slight material detachments. These
detachments are much less pronounced in the diamond open structure.

The forces determined in the pull-out test and the traces in the bone bearing also allow the
following conclusion to be drawn. The twisting structure already destroys the corresponding area in
the bone bearing during the press fitting. Because of that, less force is required when pulling out of the
bearing because the resistances against loosening are lower than with intact material. The combined
structure, on the other hand, only damages the bone bearing when it is pulled out. Here, the resistance
of predominantly intact material must be overcome. This leads to a higher power requirement.

In addition, the contacting of the structures with the bone bed takes place differently. The contact
of the twisting structure is made punctually. The combined and combined open structure creates
a two-dimensional contact to the surface of the bone bed. To overcome the press fit, more force is
required for the two-dimensional contacts than for the punctual contacts.

3.3. Lever-Out Moment

After being press-fitted into the artificial bone cavities, all cup models were levered out from the
cavities to determine the lever-out moments as described in 0. The results are shown in Figure 9 and
Table 5. The course of the forces required to lever out the cups over the displacement is shown in
Figure 10.
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Figure 9. Boxplots of the measured lever-out moments (Nm). Boxplots indicate the median value,
the interquartile range (IQR: interval between the 25th and 75th percentile, blue rectangle) and the
extremum values (n = 5).

Table 5. Significances of the determined lever-out-moments for the different press-fit cups. For
statistical analysis one-way ANOVA with Dunn’s T3 post-hoc test was conducted. Values of p < 0.05
were set to be significant (N.S.—not significant).

Cupversion D4_09 D_o_4_09 V3_08 V3_09 V4_09 V4_10 V4_11

D4_08 N.S. <0.001 <0.001 <0.001 <0.001 <0.001 <0.001
D4_09 - <0.001 <0.001 <0.001 <0.001 <0.001 <0.001

D_o_4_09 - - <0.001 <0.001 <0.001 <0.001 <0.001
V3_08 - - - 0.04619 N.S. N.S. 0.04649
V3_09 - - - - N.S. N.S. N.S.
V4_09 - - - - - N.S. N.S.
V4_10 - - - - - - N.S.

Figure 10. Representative lever-out force vs. displacement curve of the lever-out test for each
cup design.

The influence of the applied structural elements on the behavior of the press-fit cups in
the lever-out test can be clearly established on the basis of the experimentally determined
lever-out moments. The best results were achieved by the combined structure (D4_08 = 10.9 Nm,
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D4_09 = 10.3 Nm), followed by the combined open structure (6.5 Nm) and the twisted structure (Max:
V3_08 = 3.9 Nm; Min: V3_09 = 3.1 Nm).

By carrying out a statistical significance test using one-way Anova with Dunnett’s T3 post-hoc
test (multiple comparisons) it is possible to describe the following relationships. The two combined
structures do not differ significantly from each other. However, the combined open structure is
significantly below the combined structure (D4_08 and D4_09 to D_o_4_09/p < 0.001).

The differences of the experimentally determined lever-out moments shown between the
combined structures, the combined open structures and the twisted structures are significant in
all cases (p < 0.001). For the twisted structures, only the version V3_08 deviates significantly from
both version V3_09 (p = 0.04619) and version V4_11 (p = 0.04649). Similar to the pull-out tests, the
differences between the combined and the combined open structures to the twisted structures can
be explained by the existing differences in press-fit volume. The differences between the structure
V3_08 and V3_09 and V4_11 also result from the differences in the press-fit volumes (V3_08 = 0.54 cm3;
V3_09 = 0.32 cm3; V4_11 = 0.25 cm3). The fact that variant V4_09 does not deviate significantly from
variant V3_8 despite a lower press-fit volume (0.3 cm3) is additional evidence that other factors are
notoriously influencing the anchoring strength.

The lever-out behavior of the tested cup models is shown in Figure 10. All additively
manufactured cups show curves which are characteristic for the structural elements used.

All models were preloaded with an initial moment of 0.62 Nm by the self-weight of the test
setup. The representation of lever-out forces over displacement displays for the combined structure a
maximum lever-out force (mean values: D4_08 = 90.3 N; D4_09 = 85 N) at a displacement of approx.
1 mm and then a decrease of the moment up to a displacement of 6 mm. The combined open structure
reaches a lever-out force maximum (mean value: 51.6 N) after approx. 1.8 mm. This cup variant
reduces the force to zero after a displacement of about 8.3 mm. The twisted structures show differences
depending on the size of the structure. The twisted structures with dimensions of 3 mm height
reach a lever-out force maximum (mean values: V3_08 = 29 N; V3_09 = 22 N) after about 1.8 to
2.2 mm. The twisted structures with dimensions of 4 mm height reach force maximums (mean values:
V4_09 = 27.1 N; V4_10 = 27.5 N; V4_11 = 23.2 N) after about 3.5 to 3.7 mm. The force reduction
continues in the V3-versions up to a displacement of approx. 4.8 to 5.8 mm. The V4 versions run to
zero at about 9 to 10.5 mm.

Similar to the pull-out tests, it can be seen that, following a steep rise, the cups with the combined
structure show a continuous force drop after reaching a lever-out force maximum. The combined
open structure and the twisted structures behave differently. Here the maximum force is only reached
after passing through a plateau phase. This plateau phase is much longer for the V4-variants than for
the V3-variants.

This functional difference is related to the geometric design of the individual structures. As shown
in Table 1, the combined structures are structures that produce a relatively uniformly shaped surface
whose interstices engage only weakly in the bone bed. Here the press-fit is in the foreground.

In the combined open structure and the twisted structures, the shaped surface of the cups is much
more open. These structures engage more clearly in the artificial bone stock. The differences between
the V3 and V4 variants are due to the geometric dimensions of the individual rods. The larger-sized
rods of the V4 variant have larger gaps than the V3-variants (V4-2.83 mm and V3-2.12 mm). Thus,
a hooking of the structural elements in the bone cavity in the V4-variant is possible across a longer
distance than in the V3 variant.

This leads to differences in the height of the moments determined due to the structure design.
In addition, it becomes clear that the twisted structures in the artificial bone bed produce deeper
punctual impressions. During the lever-out test, the struts move along these impressions. This
behavior is recognizable for all twisted structure variants by traces between the punctual impressions.
The illustrations of the bone beds after the pull-out test (Figure 8) do not show these traces. Therefore,
due to the already damaged surface, less force is required to lever-out. The twisted structures thereby
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show overall lower moments than the combined and combined open structure due to the different
nature of the unit cell.

A larger structural design is helpful in terms of the positive effects for bone ingrowth [25].
In addition to good primary stability, the bone-like properties of the load-bearing structural layer
are an essential prerequisite for good secondary stability of the implant [64]. Secondary stability is
essentially characterized by the ability of bone to grow onto the implant surface and thereby firmly
anchor the implant. The use of open-pore structures enlarges the implant surface and thus improves
the prerequisite for the formation of sufficiently high secondary stability. In addition, a high primary
anchoring strength is the prerequisite for creating a sufficiently high secondary stiffness, since only
then is sufficient growth of the bone on the surface possible. Only if a load transfer via the implant
into the surrounding bone is possible without stress-shielding can a successful use of the implants be
ensured. With regard to the geometric selection of structural elements, this circumstance must be taken
into account [65]. The combined structures, which are more direction-independent in their properties,
show slight advantages here [52,66].

The artificial bone cavities show distinct traces left by the lever-out of the cups. In the following
Figure 11 the cup models are shown with representative examples of the artificial bone cavity. The
artificial bone cavity is intact despite clear traces of anchoring. The damage patterns of the bone
cavities differ optically from each other, as in the case of the pull-out experiments. The twisted versions
show, as expected, punctually impressions in the bone cavities. The edge of the cavity remains sharp.
The different strut diameters and spaces of the struts in the structure produce visually recognizable
representative patterns (dot-like impressions). The combined structures leave flat traces on the bone
cavities. The edge of the bone cavities tends to blur slightly, as a representation of slight material
detachments. These detachments are significantly less pronounced in the combined open structure.

 

Figure 11. Representative imaging of mechanical deformations in the artificial bone cavity for cup
design usage in lever-out test.

The use of an artificial bone cavity has a positive effect on the characterization of primary stability.
This speaks in favor of the experimental results determined here since possible property variations,
as they occur in the use of cadaveric models, have been omitted. Goldman et al. compared the effect
of component surface roughness at the bone implant interface and the quality of the bone on initial
press-fit stability [67]. They found no significant differences between the bending moment at 150 m
for two kind of press-fit cups with different coefficients of friction. They made clear in the discussion
that the results from the use of the cadaveric models represent a realistic representation of surgical
interventions, but are also associated with corresponding scatter of the results. For the purpose of this
study, which is to evaluate structurally differently designed press-fit cups, the artificial bone bed is the
better choice. The uniform mechanical properties of the artificial bone bed provide a much better basis
for a comparative consideration of the different cup designs.
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3.4. Lever-Out Momentmechanical Work

The lever-out work shown in Figure 12 illustrates the individual force differences required
to loosen the cups from the artificial bone cavities. The moment of relaxation thus represents the
beginning of the failure.
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Figure 12. Boxplots of the measured mechanical work (Nmm) during the lever-out test. Boxplots
indicate the median value, the interquartile range (IQR: interval between the 25th and 75th percentile,
blue rectangle) and the extremum values (n = 5).

The best results were achieved with the cup versions V4_10 (69.9 Nmm), D4_08 (68.8 Nmm)
and V4_09 (66.9 Nmm), followed by versions V4_11 (54.8 Nmm), D4_09 (53.1 Nmm) and D_o_4_09
(52.5 Nmm). Much less work was afforded for the loosening of versions V3_08 (48 Nmm) and V3_09
(32 Nmm).

After carrying out a statistical significance test (results Table 6) using one-way Anova with
Dunnett’s T3 post-hoc test (multiple comparisons), the following coherences become clear. The
combined structures D4_08 (p = 0.04296) and D4_09 (p = 0.01733) deviate significantly from version
V3_09. The twisted structure V3_09 deviates significantly from versions V4_09 (p = 0.01595), V4_10
(p = 0.03089) and V4_11 (p = 0.01335).

Table 6. Significances of the determined lever-out work for the different press-fit cups. For statistical
analysis one-way ANOVA with Dunn’s T3 post-hoc test was conducted. Values of p < 0.05 were set to
be significant (N.S.—not significant).

Cupversion D4_09 D_o_4_09 V3_08 V3_09 V4_09 V4_10 V4_11

D4_08 N.S. N.S. N.S. 0.04296 N.S. N.S. N.S.
D4_09 - N.S. N.S. 0.01733 N.S. N.S. N.S.

D_o_4_09 - - N.S. N.S. N.S. N.S. N.S.
V3_08 - - - N.S. N.S. N.S. N.S.
V3_09 - - - - 0.01595 0.03089 0.01335
V4_09 - - - - - N.S. N.S.
V4_10 - - - - - - N.S.

In the pull-out test (determined force) and lever-out test (determined moment), the twisted
structures perform worse in the evaluation than the combined and combined open structure. However,
in the mechanical work determined, the twisted structures with a strut diameter of 4 mm achieve
equivalent results here. One reason seems to be that the struts pressed into the artificial bone bed
material move along the entire lever-out process in the bone bed material. This means that permanent
work has to be done to move the cup further out of the bone bed. This is clearly demonstrated by the
curves in Figure 10. This is also supported by the fact that the variants V4_10 and V4_09 achieve the
highest values in the work determined. These variants also have the largest gaps between the struts,
followed by version V4_11. A larger gap also has a higher proportion of material in the gap than
smaller gaps. More material at the same time means more work to overcome the resistance. In total,
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this means that the work performed for the cup variants D4_08 and V4_09 and V4_10 is comparable.
This fact is supported by the results of the cup variant V3_09, which has the lowest porosity (58.8 %)
compared to all the other variants tested.

3.5. Correlations—Lever-Out Moment and Pull-Out Force Versus Volume of the Press-Fit Area

Anchoring strength is significantly influenced by the structure used, with its open-porous design
characterizing the area that represents the press-fit. When looking at the volume characteristic of each
cup variant in relation to the pull-out force or the lever-out moment (Figure 13), it can be seen that
the pull-out force and the lever-out moment could be determined by a direct functional relationship,
which can be described using a non-linear regression. An exponential function was found which
describes the results of the experimental investigations very well. The curve clearly shows that the
pull-out forces as well as the lever-out moments are relatively uniform up to a press-fit volume of
0.39 cm3, followed by a strong increase towards higher press-fit volumes. At high volumes (>0.9 cm3),
the results are very similar for the pull-out forces as well as for the lever-out moments.

 

Figure 13. Pull-out force as calculated from pull-out testing and volume press-fit area as well as
lever-out moment as calculated from lever-out testing for the eight cup-designs. Results are shown as
mean values with the corresponding standard deviation (n = 5 for each design).

Both dimensions show an exponential functional relation to the press-fit volume, which is reflected
by strong regression coefficients (R2 = 0.9342 for pull-out force, R2 = 0.9133 for lever-out moment). This
makes it clear that an increase in anchoring strength can be achieved with increasing press-fit volume.

Although the press-fit volume used for this reference does not represent the full volume that
actually penetrates the area of the artificial bone, it does directly represent the volume that creates
the press-fit.

The determined functional relationships as well as the experimentally obtained measurement
results provide a good basis for the selection of appropriate structural elements for the final
development of press-fit acetabular cups, which ensure an increase in primary anchoring strength. In
particular, the geometric design of the structural elements can thus be used in a targeted manner in
conjunction with the mechanical properties and porosity [52,66,68–70]. Also, the determined functional
relationships prove that the influence of the volume responsible for the actual press-fit is significantly
greater than the porosity. However, since porosity is a measure relevant to secondary anchoring
strength, it must not be disregarded.
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Structured press-fit cups present an interesting solution, especially with regard to strong pelvic
defects (D’Antonio type II). Due to the geometric freedom in structure design and possible size
variations, these types of press-fit cups could offer advantages over non-structured cups in anchoring
strength [71].

The characterization of the structurally differently designed press-fit cups with two test methods
as well as the evaluation of the results in relation to different influencing factors makes a distinctive
estimation of the types of cups possible. While the evaluation of anchoring strength with only one
procedure or from one aspect is being discussed controversially, a good summary can be made in
this study [67]. Several factors, such as material and surface structure (e.g., bead or wire) have been
shown to be responsible for bone ingrowth [72]. The press-fit cups used here in this study have almost
identical properties so that these can be neglected in the consideration.

The characterization of the cup variants based on the experimentally determined results offers
the possibility to capture significant influences and thus show differences. The functional relationships
also offer the opportunity to actively intervene in the constructive process and influence the structure
design based on the results.

4. Conclusions

In this study, acetabular press-fit cups with a porous, load-bearing structural layer were examined
for primary stability. The press-fit cup used was a design developed and evaluated in a previous study.

The porous, load-bearing structural layer was formed from geometrically differently designed
unit cells. The preparation was carried out by means of selective laser melting of TiAl6V4. As
an artificial bone cavity a PU foam was used, which was characterized experimentally in terms of
mechanical properties.

The results show significant differences in the experimentally determined pull-out force, lever-out
moment and lever-out-work results. The best results in pull-out and lever-out moments are achieved
by the press-fit cups made in the combined structure (denoted D4_08 and D4_09). When looking at
the work required to lever out the press-fit cups, it is noticeable that the press-fit cups designated as
D4_08, V4_09 and V4_10 achieved the best results.

Overall, it becomes clear that the results for the evaluation of primary stability are related to the
geometry used (unit cell), the dimensions of the unit cell, and the volume and porosity which are
responsible for the press fit. Corresponding functional relationships could be determined.

The results of the work provide an excellent starting point for the development of press-fit
acetabular cups with increased primary stability as a basis for high secondary stability.
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Abstract: Segmental mandibular reconstruction has been a challenge for medical practitioners, despite
significant advances in medical technology. There is a recent trend in relation to customized implants,
made up of porous structures. These lightweight prosthesis scaffolds present a new direction in
the evolution of mandibular restoration. Indeed, the design and properties of porous implants for
mandibular reconstruction should be able to recover the anatomy and contour of the missing region
as well as restore the functions, including mastication, swallowing, etc. In this work, two different
designs for customized prosthesis scaffold have been assessed for mandibular continuity. These
designs have been evaluated for functional and aesthetic aspects along with effective osseointegration.
The two designs classified as top and bottom porous plate and inner porous plate were designed
and realized through the integration of imaging technology (computer tomography), processing
software and additive manufacturing (Electron Beam Melting). In addition, the proposed designs
for prosthesis scaffolds were analyzed for their biomechanical properties, structural integrity, fitting
accuracy and heaviness. The simulation of biomechanical activity revealed that the scaffold with
top and bottom porous plate design inherited lower Von Mises stress (214.77 MPa) as compared to
scaffold design with inner porous plate design (360.22 MPa). Moreover, the top and bottom porous
plate design resulted in a better fit with an average deviation of 0.8274 mm and its structure was more
efficiently interconnected through the network of channels without any cracks or powder material.
Verily, this study has demonstrated the feasibility and effectiveness of the customized porous titanium
implants in mandibular reconstruction. Notice that the design and formation of the porous implant
play a crucial role in restoring the desired mandibular performance.

Keywords: mandibular reconstruction; scaffolds; reconstruction plate; finite element analysis; 3D
printing; titanium alloy

1. Introduction

Mandibular reconstruction is recognized as the most challenging and significant procedures by
maxillofacial surgeons. It can be attributed to the strict requirements demanded by patients, in terms
of anatomy, outer profile of the mandible and optimal restoration of oral functions [1–4]. The problem
of mandibular reconstruction is further escalated owing to a rapid increase in mandibular defects due
to modern human skeletal diversity and chewing behavior [5]. Generally, the mandibular continuity
defect involves a complete bone loss and is caused by infection, trauma, lesion, osteonecrosis and
resection of benign and malignant tumors [1]. The timely and adequate rehabilitation of mandibular
defect is crucial to prevent impairment of masticatory function, loss of speech, cosmetic deformity
and to essentially maintain the patient’s quality of life. Certainly, the titanium plate with autogenous
bone transplantation can be regarded as the primary standard and a reliable treatment for mandibular
reconstruction [6]. In spite of the availability of reconstruction techniques related to autogenous
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bone graft, perfect mandibular reconstruction is still not possible and remains a challenge. Generally,
the available standard commercial reconstruction plates (implants) are employed in mandibular
reformation. These plates are manufactured using traditional methods such as casting and the powder
metallurgical process, which are time consuming processes [7]. Furthermore, the standard plates are
straight and they need bending in order to align them along the mandible curved bone. This not
only raises the operative (or surgery) time, but also involves the tedious task of repeatedly adapting
and revising the plate according to the patient’s anatomy. Since, it is a trial and error procedure,
the possibility of discrepancies between the bone and plate interface increases, which in turn causes
implant failure as well as discomfort to the patient. Therefore, it is indispensable to utilize custom
made implants, which not only reduce disproportion and mismatch, but also result in improved
appearance and actualization. The personalized implant design not only enhances fitting accuracy, but
also minimizes the surgical time in contrast to standard plates.

Recent developments in tissue and scaffold engineering represents a contemporary prospect
and a new application in the evolution of mandibular restoration. Scaffolds can be combined with
solid parts and fabricated as an implant. Ideally, the scaffolds should be highly porous, crack free
and biocompatible with tissue ingrowth [8]. As reported by numerous clinical studies, the titanium
scaffold (porous structure) can achieve long term bone fixation and promote full bone ingrowth when
compared to the solid or bulk part [9,10]. In addition, solid titanium implants due to variation in
mechanical properties as compared to bone may lead to bone resorption, which induces stress shielding
effect on its surrounding bone and eventually leads to implant failure [11]. The impeccable porosity
influences cell behavior and the interconnected channels of pores stimulate the vascularization [12].
The encouragement of early osseointegration is critically important for the success of implantation,
otherwise longer healing time would lead to implant failure [13].

With advancements in engineering technology, including medical modeling software and
three-dimensional (3D) printing or additive manufacturing, it is now possible to design and fabricate
customized implants with better accuracy and in a shorter period of time. The unification of data
acquisition, image processing, as well as modeling and additive manufacturing, have made it possible
to comprehend tailor-made implants according to the patient’s requirements. Undoubtedly, the
implementation of integrated techniques can save a lot of money for medical practitioners as well
as revamp the quality of life for a large number of people [14]. The agreeable effect in mandible
restoration depends on many aspects of the implant, including its design, fabrication technology,
biomechanical properties, accuracy, surface integrity and weight. Certainly, 3D printing techniques
have emerged as a promising potential in the development of bone reconstruction, rehabilitation and
in the field of surgery [15]. Among several 3D printing techniques, electron beam melting (EBM) has
been regarded as the fast and successful method for the fabrication of titanium medical implants from
computer-aided design (CAD) models with Food and Drug Administration (FDA) and Conformité
Européene (CE) approval [16]. EBM technique, which was first commercialized in 1997 by ARCAM
AB, fabricate parts by melting metal powder in a layer-by-layer fashion [17]. It has increasingly
been used for the fabrication of 3D titanium alloy scaffolds for medical applications with complex
architecture [18,19]. Mandibular bone is not a uniform and regular structure, but rather a curved and
special structure. Therefore, very few researchers have attempted to custom design prosthesis for
mandibular reconstruction [20,21] and very limited information is available on the study of mandibular
scaffold. In addition, no clear evidence and investigation are available in the biomechanical, structural
integrity and fitting evaluation of mandibular prosthetic scaffolds.

In this study, two different types of custom specific mandibular prosthesis scaffolds have been
designed, fabricated and evaluated for their performance. These two designs were categorized as
top and bottom porous plate and inner porous plate. In the top and bottom porous plate design, the
mesh or porous structure was attached on the top and bottom of the plate, whereas in the inner porous
plate design, the porous structure was inside the plate. An extensive integrated methodology has been
utilized for the realization of the patient-specific porous implant. The part fabrication using EBM was
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supplemented with computer tomography (CT) for image acquisition and processing software for
implant modeling. The two scaffold designs were also analyzed to determine their biomechanical effect
under the mastication process using Finite Element Analysis (FEA), surface integrity using micro-CT
scans as well as fitting accuracy and appearance utilizing the 3D comparison technique.

2. Methodology

The typical flowchart as shown in Figure 1, demonstrates the methodology adopted in this work.
It was based on six primary steps: Data acquisition, customized implant design and modeling, virtual
assembly, FEA, part fabrication and evaluation. This approach was prominent because it involved
interaction between the engineering and medical fields right from the patient diagnosis until the
mandibular reconstruction. The authors in this methodology have emphasized the importance of
communication between the engineering and medical departments. In the current study, the medical
practitioners were customers, therefore, they were engaged in each and every stage during the entire
process. These communication links are evidently specified by using red circles in the Figure 1. These
communications acted as a feedback loop to get the assessment or the criticism from the medical
people. Of course, the engineers had to explain various aspects and engineering terms or analysis to
medical professionals before every session. This communication or information exchange helped to
improve the overall results by minimizing design revision and preventing implant failure.

2.1. Data Acquisition

A forty-year-old patient with deformities and a lesion in the left mandibular area attended the
emergency department of the university hospital. Upon diagnosis and a series of tests by the medical
doctor, the patient was subjected to a non-invasive CT scans. The non-invasive CT can be defined as a
medical procedure which does not involve any deterioration of the skin, internal body as well as the
destruction of healthy tissues. During the course of patient diagnosis, it was found that the patient
was suffering from mandibular continuity defect with a loss of portion of the bone resulting in a gap of
∼2 cm or more. It is a patient-specific defect which is larger in size. The CT images were acquired
using a Promax 3D “Cone beam computer tomography machine” (Planmeca, Helsinki, Finland) [22].
The minimum resolution model (voxel size) was 0.10 mm3. It was implemented under the following
conditions: Voltage—54–90 kV, Current—1–14 mA, Focal spot 0.4 mm, detector resolution 127 μm, scan
time 18–26 s. The radiologist performed the CT scan on the patient and saved the scanned images in
Digital Imaging and Communications in Medicine (DICOM) format which is a universal stored format
for medical images. The DICOM files containing a series of two-dimensional (2D) images, stored in
a database, did not provide a perfect picture of the anatomical structure. Several medical modeling
and image processing software available in the market were used to convert the 2D images into a 3D
anatomical model. MIMICS 17.0® (Materialise Interactive Medical Image Control System; Materialise
NV, Leuven, Belgium) was used in this study. The 2D images of DICOM files were imported into
MIMICS® which stacked the 2D images over each other and developed a typical 3D model. In medical
CT imaging, the Hounsfield unit (HU) represents the grayscale from black to white with a range from
−1024 (minimum value) to 3071 (maximum value). A custom thresholding Hounsfield unit of 282 to
2890 HU was used for bone identification. Segmentation by thresholding technique was used to select
the soft and hard tissue by defining the range of the threshold value. Figure 2 illustrates the patient
mandibular tumor in a different view.
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Figure 1. The proposed methodology for design, analysis and fabrication of customized mandibular
prosthesis scaffolds. Note: The red circles indicate the formal meetings between the engineering and
medical department for scaffold design verification and evaluation.

Figure 2. Patient anatomical model depicting the tumor region in different planes.
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2.2. Customized Implant Design and Modeling

The region growing technique using MIMICS was used to extract the region of interest (mandible)
from the surrounding tissues. Figure 3a–e illustrates the region growing techniques, where the full face
mask was segregated to the region of interest in mandible Figure 3e. The obtained tumor mandible
without teeth was then saved as a Standard Tessellation Language (STL) file. The STL file was
imported into 3-Matic® (Materialise, Leuven, Belgium) for implant design. Mirror reconstruction
design technique is the most common implant design where the healthy bone is mirrored and replaced
over the defective bone. Several research studies have proved that mirror reconstruction technique has
successfully restored and provided excellent facial symmetry [23,24]. The tumor on the left mandible
(Figure 3f) was resected and the right side of the healthy mandibular bone was mirrored as shown
in Figure 3g. The symmetrical sides were merged to form a healthy mandible. Wrapping operation
was performed to nullify the gaps and voids. The obtained healthy mandible (Figure 3h) was used for
the implant design by selecting (Figure 3i) and extracting the outer region (Figure 3j) for customized
implant design. Smoothing and trimming operations were performed to get the implant design shape
as shown in Figure 3k. An offset thickness of 2 mm (Figure 3l) was provided and two implant designs
with one inner bone graft carrier and the other with top and bottom bone graft carrier were designed
as shown in Figure 3m,m′. The inner plate and thick top and bottom plate were patterned into the
porous structure (scaffold) using dode thick (Figure 3n) from Magics® (Materialise, Belgium) as shown
in Figure 3o. The dode thick mesh structure was used to reduce the weight of the mandibular implant
and to provide good adhesion between the bone and the implant. Several research articles have
proved that titanium scaffold with a porosity of 500–1000 microns influence the osseointegration and
faster bone healing [25,26]. Figure 3p illustrates the designed scaffold pore (900 microns) and strut
(300 microns) size.

Figure 3. Sequence of steps in the design of customized prosthesis scaffold (implant) for
mandibular defects.

2.3. Virtual Assembly

The two designed prosthesis scaffolds were virtually assembled and aligned with the mandibular
framework model for fitting and assembly evaluation as shown in Figure 4. Formal meetings used
to take place between the engineering and medical field for evaluating and verifying the design as
indicated by red circles (Figure 1). Any error or void in-between the implant and the bone would
result in the redesigning of the implant. The virtual assembly also helped with surgical guidance,
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understanding the surgical anatomy and real world preoperative surgery scenario to improve the
reliability and safety of the surgical process.

Figure 4. Posterior (back) and top view of the two customized scaffolds: Inner porous plate (a,b) and
(c,d) top and bottom porous plate.

The designed reconstruction scaffolds were incorporated with countersink medical screw holes
with three screws on the condyle side and three screws on the chin area. The countersink holes were
designed for the complete immersion of the screw head inside the screw hole in order to provide a
better aesthetic effect. Figure 5 illustrates the virtual assembly of the mandibular framework model
containing the cortical and trabecular bone with scaffold fitted with six screws. The error free designed
scaffold and the framework model were saved as a Standard for the Exchange of Product model data
(STP) file for analysis.

2.4. Finite Element Analysis

Once the designed scaffolds were examined for fitting and conformance in the virtual assembly, the
FEA model was created to evaluate their functionality as well as the biomechanical effect of clenching
on the prosthesis scaffold. The FEA was employed because it is recognized as one of the crucial tools to
emulate and predict the behavior of the CAD model in real scenarios. It was first used in the aerospace
industry but quickly spread throughout a wide range of sciences including medicine and dentistry [27].
A finite element model (FEM) consisting of the temporomandibular model and two designed scaffolds
was created using Ansys® software. In this study, the sustained clenching and masticatory muscle
activity using three muscular forces (masseter, medial pterygoid and temporalis) were simulated. The
material properties of the cortical bone, trabecular bone, screws and scaffold were adapted from the
literature study and were assumed as homogeneous, isotropic and linear elastic [28,29]. The Young’s
modulus, Poisson’s ratio and yield strength of the simulated study are presented in Table 1.
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Figure 5. Global view of virtual design assembly of customized prosthesis scaffold on the mandibular
framework model.

Table 1. Mechanical properties of study materials used in FE model. Data from [28,29].

Materials Young’s Modulus (MPa) Poisson’s Ratio Yield Strength (MPa)

Compact Bone 13,700 0.3 122
Trabecular Bone 1370 0.3 2

Prosthesis scaffold, (Ti6Al4V ELI) 120,000 0.3 930

For clenching simulation, the superior part of both condyles was constrained in all directions.
The displacement in the molar region as shown in Figure 6 was restrained in the upper region to
simulate chewing. While the biting forces acted axially, the molar movement was kept at near zero
displacement. This restraint was perpendicular to the occlusal plane (Z-direction), while allowing
freedom of movement in the horizontal plane (X and Y direction). The FEM was meshed with the
10-node 3D tetrahedral element.

Figure 6. Typical loading and boundary constraints on mandibular framework model with
prosthesis scaffold.
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As shown in Figure 7, the triangle surface mesher strategy with program controlled patch
conforming method was used in order to refine the mesh at the area of fixation and to obtain more
accurate results. The magnitude and boundary condition of the masticatory forces were derived from
the literature study [30,31]. The interface between the scaffold-bone and screw-scaffold-bone were
considered as bonded. The clenching movement was simulated in the FEM with muscular forces and
their vectors are presented in Table 2.

 
Figure 7. Meshing on the simulated mandibular framework model with prosthesis scaffold and a
close-up view of screw meshing.

Table 2. Magnitude and functional direction of masticatory muscles in Newton’s (N). Data from [30,31].

Masticatory Muscles X (N) Y (N) Z (N)

Masseter 50 −50 200
Medial pterygoid 0 −50 100

Temporalis 0 100 200

2.5. Fabrication

In this study, 3D printing was used for the fabrication of customized prosthesis scaffolds. Two
types of materials—polymer and metal—were used in the fabrication. The polymer 3D printing was
used for the testing and fitting evaluation (virtual assembly), whereas metal (Ti6Al4V ELI) was used for
the patient prosthesis implant. For polymer-based 3D printing, Stratasys-fused deposition modeling
(FDM) machine and FORMLABS-2 a (stereolithography) SLA machine were used. ARCAM’s EBM
machine (EBM A2, ARCAM AB, Mölndal, Sweden) was used for printing titanium metal scaffolds.

2.5.1. Polymer Fabrication

The FDM machine as shown in Figure 8a was used to print mandibular framework models
(Figure 8b) using ABS (acrylonitrile butadiene styrene) material which is a common thermoplastic
resin with good functional properties [32]. FDM works on additive manufacturing process where the
ABS material unwound from the coil and is heated to melting point and extruded in a layer-by-layer
fashion to produce 3D objects. Formlabs-2 3D printer as shown in Figure 8c was used to fabricate
the mandibular prosthesis scaffold (Figure 8d) which used the liquid resin material. Formlabs-2

52



Metals 2019, 9, 569

form works on laser-based SLA principle where the laser solidifies the liquid resin material in a
photo-polymerization process and builds the 3D model in a layer-by-layer fashion [33]. SLA produces
objects with higher resolution with more accuracy when compared to FDM due to its optimal spot
size laser which is very small [34]. Formlabs-2 was used in the fabrication of mandibular scaffold as it
provided higher resolution and accuracy for the complicated porous structures.

Figure 8. (a) Fused Deposition Modeling machine with its fabricated polymer model (b) indicating the
tumor region and (c) SLA machine and its produced mandibular scaffold (d) with a close-up view.

2.5.2. Titanium Fabrication

It is well proven that scaffolds with elastic modulus closer to that of bone, minimizes the stress
shielding effect and promotes bone-implant tissue in-growth [35,36]. Powder bed metal based 3D
printing technologies such as EBM and selective laser melting (SLM) have demonstrated the capability
to produce scaffolds in medical applications [37]. The EBM process in comparison requires less
supporting material and minimizes post processing steps such as machining and heat treatment [36].
An EBM process is most suited for reactive metals such as titanium alloy as the complete build process
takes place in a vacuum environment [38]. In addition, EBM produces parts at a much faster rate (80
cm3/h) when compared to SLM (20–40 cm3/h) [39]. The standard layer thickness of the printed samples
using ARCAM’s A2 EBM machine was 50–70 μm.

Figure 9a,b illustrates the typical working principle of the EBM process and the different
components of the EBM machine respectively. The tungsten filament in the electron beam gun on
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reaching above 2500 ◦C, emits a beam of electrons which accelerates at half the speed of light and
passes through a series of controlled coils (lens) and impacts the powder surface, thus melting the
powder. The first (astigmatism) lens assists to keep the beam in circular and round shape regardless of
its position on the build plate. Without this coil, the focus point of the beam tends to have a wider
area (elliptical shape) when it is deflected towards the edge of the build region. It also eliminates
electro-optical artifacts (human error). The second (focus) lens keeps the beam in focus and sharpens
to a desired (0.1 mm) diameter. The third (deflection) lens scans the beam across the build area. The
build process takes place inside the build chamber. Inside the build chamber, there are two hoppers
which hold the metal stock powder. Metal powder is spread homogeneously over the build table
using rakes. The rakes fetches the powder from either end of hoppers and spreads it evenly over
the build table. The build tank lowers down in the z-direction after each melt cycle. The start plate
was placed at the center of the build table which holds the build surrounded by powder. Vacuum is
maintained throughout the build cycle to eliminate impurities and to prevent reactions between the
reactive metals. Titanium powder (Ti6Al4V ELI) with the particle size of 50–100 mm was used in this
study. The chemical composition of Ti6Al4V ELI (extra low interstitial) was made of 6.04% Al, 4.05% V,
0.013% C, 0.0107% Fe, and 0.13% O, while the rest as Titanium (in weight percent).

 
Figure 9. (a) Schematic representation of the EBM process and (b) EBM build chamber with part details.

The part fabrication in the EBM machine (ARCAM A2) as shown in Figure 10b is dependent on
three phases—(1) Preheating of the metal powder. (2) Scanning and melting. (3) Lowering of build
table and raking of powder.

(1). Preheating the metal powder: The Ti6Al4V ELI metal powder spread on the powder bed is
preheated by multiple beams of electron at high scan speed and low beam current to reduce the
internal residual stresses.

(2). Scanning and melting: The high velocity beam of electrons scans the metal powder and melts
the power in line as per the defined CAD geometry. The melting process consist of two steps,
melting the contours (outer and inner boundary) and infill hatching. The majority of the melting
takes place in hatching where the beam current and scan speed are increased.
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(3). Lowering build table and raking of powder: The build table is lowered after each melt layer cycle
(50 μm) and a new layer of powder is fed from hoppers and spread evenly on the previously
solidified powder layer using rakes. This process continues till the final 3D part is built.

 
Figure 10. (a) PRS machine, (b) EBM machine with explosion protection vacuum cleaner, (c) EBM
built mandibular prosthesis scaffold surrounded by semi-sintered powder, (d) titanium scaffolds with
support structures and (e) mandibular scaffolds after support removal.

The EBM build lasted approximately 8–10 h. After build completion, the produced part
(mandibular prosthesis scaffold) was allowed to cool under helium gas. Figure 10c shows the
EBM build scaffold with supports surrounded by semi-sintered powder. The semi-sintered titanium
powder was then blasted in powder recovery system (PRS) as shown in Figure 10a as a post processing
process and to get the finished part with supports. The supports (Figure 10d) which were added to the
scaffolds during the build to dissipate the heat and the overhang structures were manually removed
with simple tools such as pliers. Figure 10e illustrates the final EBM built mandibular scaffolds which
can be sandblasted or machined using laser ablation to achieve a smoother finish if required [40].

2.6. Evaluation and Validation

At this stage, the fabricated titanium scaffolds were investigated for structural integrity, fitting
accuracy as well as the weight.

2.6.1. Micro-CT Scan on Titanium Lattice Structure

A non-destructive technique (i.e., micro-CT scan) was employed in order to examine the stochastic
defects and structural integrity of the dode thick mesh structure used in scaffold design. The micro-CT
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scans were utilized in order to validate the quality of the dode thick structure in terms of cracks,
internal trapped powder, in addition to examine the interior construction of the built struts without any
physical cutting and polishing. A 15 mm solid cube (Figure 11a) was designed and transformed into a
dode thick structure (Figure 11b,c) and fabricated using EBM as shown in Figure 11d. The micro-CT
scanner (Bruker Skycam 1173, Kontich, Belgium) with a source voltage of 120 KV focused on the EBM
fabricated cube structure with a spot size of 5 μm and with an image pixel size of 12.03 μm. Each 2D
slice image of the cubic structure in the form of 512 × 512 bitmaps as output data was collected.

Figure 11. Cubes with unit cell structure of 15 × 15 mm2 (a) solid cube, (b) dode thick unit cell structure,
(c) dode thick cube structure and (d) EBM fabricated dode thick cube.

2.6.2. 3D Comparison

The 3D comparison technique was implemented in order to accurately compare the fitting accuracy
of both the implant designs (inner porous plate and top and bottom porous plate) with respect to the
mandible. The fitting accuracy of the implants was computed using Geomagics Control® [41]. The
3D comparison analysis can be considered as one of the most powerful and extensive techniques, to
graphically represent the surface deviations between the reconstructed objects and the reference CAD
model [42]. At the outset, the test model had to be aligned on the reference CAD model by utilizing the
best fit alignment. Consequently, the analysis software automatically estimated the best fit between
the test and reference object. This best fit alignment confirmed that both the test and reference objects
were positioned (or fixed) in the same coordinate system. Furthermore, the statistic used in this work
in order to quantify the fitting accuracy of the implants on the mandible was the average deviation.
This statistic was utilized because it reported the deviation in the mandible, thereby approximating the
gap between the implant (scaffold) and the mandible. In this work, the test model was acquired as a
point cloud set by employing the laser scanner mounted on the Faro Platinum arm (FARO, Lake Mary,
FL, USA) as shown in Figure 12.
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Figure 12. Acquisition of test data using a Faro Platinum arm.

As shown in Figure 13, the scaffolds were mounted on the mandible and scanned to obtain the
test data. The reference model was obtained by removing the defect and imitating the healthy side on
it. The reference model acquired using the mirroring technique was assumed to represent the ideal
anatomical structure [23,24].

 

Figure 13. Mandible prosthesis scaffold (a,b) inner porous plate and (c,d) top and bottom porous plate
mounted on the mandibular framework.
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The outer surface of the scaffold mounted mandible were scanned and imported as STL model in
Geomagics control® in order to compare it with the reference mandible. The outer surface was studied
because the customized scaffolds were designed depending on the outer profile of the mandible.
The 3D comparison analysis software represented the result by means of error scale through the
computation of the shortest distance between the test model and the surface of the reference model.

2.6.3. Weights of the Scaffold Designs

In order to reduce the stress shielding effect between the implant and the surrounding bone, it was
imperative to build lighter implants with weights closer to that of the bone being replaced [43]. The
minimization of stress shielding was critical for reducing bone resorption as well as decreasing the rate
of aseptic loosening. The weight of the mandibular bone to be replaced was calculated from the density
formulae where volume was taken from the Magics® software (Materialise, Leuven, Belgium) and
assuming density as 1600 kg/m3 [44]. The weights of the two EBM fabricated scaffolds were measured
using a digital weighing machine.

3. Results and Discussion

In this work, two customized prosthesis scaffolds were designed from the patient CT scan files. The
clinical setup for both the designed scaffolds were simulated under physiological clenching conditions.
The FEA analysis was essential in order to find out the continuous grabbing and chewing ability of the
designed customized implants. The equivalent stresses and strains observed on both scaffolds are
presented in Figure 14. The results indicated that the maximum stresses in both customized scaffolds
were confined to the mesh structure and it was evident due to its lower cross sectional area.

The simulated result summary of both designed scaffolds is presented in Table 3. The analysis
showed that the FEA of inner porous plate design induced higher stress concentration than the FEA
of top and bottom porous plate design. In addition, the maximum stresses on both the prosthesis
scaffolds were well below the yield strength (930 MPa) of the titanium alloy (Ti6Al4V ELI). On further
observation, the analysis results of the screws, revealed that the condyle screws exhibited higher
stresses when compared to chin screws which indicated that the stresses were transferring from the
bottom chin region towards the condyle side thus satisfying the mastication process [45].

Table 3. Summary of Von Mises stress, strain and deformation of two designed scaffolds.

FEA Outcomes
Stress on Chin Screw (MPa) Stress on Condyl Screw (MPa)

Screw Numbers

Designed Implant
Max Von Mises

Stress (MPa)
Max

Strain
Deformation 1 2 3 1 2 3

Inner porous plate 360.22 0.0032 0.29852 55.85 38.26 50.52 122.9 121.74 81.5
Top & bottom
porous plate 214.77 0.0068 0.31711 61.85 39.76 53.61 127.71 125.07 84.44

The most common cause for the failure of the mandibular reconstruction is either due to the
reconstruction plate failure (excessive loads) or instability in the anchoring of the screws. In this
study, the maximum stresses were found to be on the scaffold rather than on the screws and were
well below the yield point and fatigue strength of the material. The stresses found on the screws in
both the FEM were quiet less and within the failure limits, with the highest stress observed on the
top and bottom screw plate. The other important parameter of the reconstruction plate design is its
flexibility, to absorb the forces and chewing load conditions. The max strain on the inner porous plate
was found to be 3.2 microns and the top and bottom porous plate was 6.8 microns. The maximum
strain obtained on both the designed scaffolds was less and few microns. Based on the FEA results,
it seems more reasonable to use prosthesis based on the top and bottom porous plate design for
mandibular reconstruction, though both the plates were mechanically stable for fixation and could
bear the masticatory functions.
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Figure 14. Von Mises stress (top), strain (middle) and deformation (bottom) distribution of mandibular
framework model with two scaffolds (a,c,e) inner porous and (b,d,f) top and bottom porous plate.

The micro-CT scan results as shown in Figure 15 indicated that the dode thick structure was
interconnected by a series of network channels and was free from any substantial internal defects such
as cracks or voids. Similar results can be assumed and expected for the EBM fabricated mandibular
prosthesis scaffold with dode thick structure.
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Figure 15. Micro-CT scanning of EBM fabricated dode thick cube representing different
cross-sectional views.

The outcome of the 3D fitting deviation analysis has been represented graphically in Figure 16.
The comprehensive investigation revealed that the scaffold with the top and bottom porous plate
design provided better fitting accuracy as compared to the scaffold with inner porous plate design. An
average deviation of 0.8274 mm was observed in the top and bottom porous plate design in comparison
to 0.9283 mm of gap in the inner porous plate design.

The results of the weight analysis are presented in Table 4. The weight of the inner porous plate
design was found to be 10.67 g and the top and bottom porous plate was 8.14 g. The weights of both
reconstruction scaffolds were taken without considering the bone graft which will be placed inside
the mesh carrier (tray) upon implant. Both scaffolds were low in weight and closer to that of bone
properties. Certainly, this analysis confirmed that both the proposed designs possessed a lighter weight
in comparison to their bone counterpart (19 g).

Table 4. Weight details of EBM fabricated scaffolds and replaced mandibular bone portion.

Parts Replaced Bone Inner Porous Top and Bottom Porous

Volume (mm3) 11879.00 2016.00 1847.00

Weight (g) 19.00 10.67 8.14

The Figure 17 illustrates the polymer and EBM fabricated titanium mandibular prosthesis scaffolds
for final review before surgery.
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Figure 16. Evaluation of fitting deviation different designs: (a) Top and bottom porous; (b) inner porous.

Figure 17. EBM and polymer fabricated mandibular framework models with prosthesis scaffolds.
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4. Conclusions

The success of mandibular reconstruction greatly depends on its aesthetics and biomechanical
properties. It emphasizes the importance of the customized implants depending on the patient’s
anatomy. The custom designed implants provide a better option for mandible restoration than the
generic counterpart as they can fit precisely on the patient’s bone. The ability to 3D print custom
designed scaffolds using EBM technology, providing surface texture conducive to tissue ingrowth
makes them appropriate for the personalized implants with properties closer to that of bone. In
this study, two customized scaffolds based on the inner porous plate as well as the top and bottom
porous plate were designed, 3D printed and evaluated for structural integrity, weight and fitting
accuracy. A competent methodology has been presented to acquire the customized, pleasing and
reliable mandibular implants. The methodology was exhaustive comprising of data acquisition using
CT, mandible reconstruction as well as design, FEA, implant fabrication and testing.

Eventually, depending on the FEA, weight analysis and fitting accuracy evaluation, it can be
inferred that the scaffold with the top and bottom porous plate is more favorable for bone reconstruction
as compared to scaffold with the inner porous implant and can successfully be employed in the
reconstruction of the defective mandible. Indeed, it can be asserted that the employment of prosthesis
scaffolds in mandibular reconstruction satisfies the sustained need of lighter implants with accurate
fitting and lesser surgical time and minimal revisions.

The customized porous implants are very effective and valuable because they provide an improved
fit, enhanced osseointegration properties, lesser shielding effect and a higher implant stability. They
strengthen the functional recovery of the mandibular deformities and maintain a graceful appearance
on the mandible. It is mandatory that the research in this area should continue in the future for
acquiring further innovative implant designs and reconstruction methods. The authors would like to
expand this work by introducing new designs with different porous structures, and analyzing them for
their strength and accuracy in mandible restoration. In addition, the authors would like to extend this
work by including an extensive clinical (in-vivo) study in the future.
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Abstract: Wedge-shaped samples were manufactured by four different Additive Manufacturing
(AM) processes, namely selective laser melting (SLM), electron beam melting (EBM), direct metal
deposition (DMD), and wire and arc additive manufacturing (WAAM), using Ti-6Al-4V as the feed
material. A high-resolution powder diffractometer was used to measure the diffraction patterns of
the samples whilst rotated about two axes to collect detected neutrons from all possible lattice planes.
The diffraction pattern of a LaB6 standard powder sample was also measured to characterize the
instrumental broadening and peak shapes necessary for the Diffraction Line Profile Analysis. The line
profile analysis was conducted using the extended Convolution Multiple Whole Profile (eCMWP)
procedure. Once analyzed, it was found that there was significant variation in the dislocation densities
between the SLMed and the EBMed samples, although having a similar manufacturing technique.
While the samples fabricated via WAAM and the DMD processes showed almost similar dislocation
densities, they were, however, different in comparison to the other two AM processes, as expected.
The hexagonal (HCP) crystal structure of the predominant α-Ti phase allowed a breakdown of the
percentage of the Burgers’ vectors possible for this crystal structure. All four techniques exhibited
different combinations of the three possible Burgers’ vectors, and these differences were attributed to
the variation in the cooling rates experienced by the parts fabricated using these AM processes.

Keywords: Ti-6Al-4V; additive manufacturing; selective laser melting (SLM); electron beam melting
(EBM); direct metal deposition (DMD); wire and arc additive manufacturing (WAAM); diffraction
line profile analysis; extended convolution multiple whole profile (eCMWP)

1. Introduction

Additive Manufacturing (AM) of metallic materials is receiving increasing attention worldwide [1–3].
There are two main AM approaches, and they are the powder bed approach, and the direct deposition
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approach. In the powder bed approach, a layer of powder is swept over a platform and the powder is
melted together using either a laser or an electron beam, known as selective laser melting (SLM) and
electron beam melting (EBM), respectively. The platform is then lowered and a new layer of powder
is swept over. The melting process is then performed again according to the G-code given by the
pre-processing software. This is repeated until the desired part is formed [4,5]. The direct deposition
approach is used to melt either powder blown onto the substrate or wire fed into the melt pool of the
substrate, using a heat source that is usually either a high powered laser or an electric arc, known as
direct metal deposition (DMD) and wire arc additive manufacturing (WAAM), respectively. Tracks
of material are placed side-by-side, layer-upon-layer, until the desired shape is formed. The powder
bed approach easily produces complex shapes, with the aid of support structures, while the direct
deposition approach produces more basic shapes but can produce much larger sized components
because it is not limited by the size of the powder bed chamber [6].

In this study, the titanium alloy Ti-6Al-4V has been investigated, which has been widely used in
aerospace and medical applications. Four leading metallic AM processes, namely SLM, EBM, DMD,
and WAAM, were employed to manufacture wedge-shaped Ti-6Al-4V samples. While all four of
these techniques are relatively mature technologies and have proven capable to build 3D shapes,
the metallurgical character of the deposits, in particular differences between the different technologies,
is not very well known and may play a role in identifying which of the technologies should be
employed for the manufacturing of a particular component. One aspect of the metallurgical character
of the deposits is the dislocation content, which has a significant influence on the mechanical properties
of the deposits, in particular the strength and ductility. This knowledge aids in understanding why the
mechanical properties of these AM processes varies, as that reported by Sames et al. [7] and Frazier [8].
Therefore, diffraction line profile analysis was employed to measure the dislocation contents produced
by these AM technologies.

Diffraction line profile analysis (DLPA) is a diffraction analysis technique where the number
and type of dislocations present in a structure can be determined quantitatively, together with other
microstructural features, such as average sub-grain size, planar fault frequency, and the breakdown
of the Burgers’ vectors of the different dislocations and their relative percentages [9,10]. Moreover,
DLPA is an indirect method used to derive average microstructural characteristics from neutron or
X-ray diffraction patterns. In the case of neutron diffraction, the volume of the diffracting material
is in the range of cubic centimetres, which allows a non-destructive and bulk characterization of the
microstructure of the investigated material. It is most commonly used during plastic deformation,
in parallel with plasticity models to understand the various slip system activities [11,12]. Using neutron
DLPA, it has been shown that the initial dislocation density of as-built stainless steel samples depends
on the type and the parameters of the applied AM process and can be altered by subsequent heat
treatments or plastic deformation [13,14]. Results strongly suggest that the flow strength of the
as-built AM stainless steel is primarily controlled by the dislocation density present in the material,
making DLPA a useful characterization tool for such materials [13]. This type of analysis, which
provides quantitative characteristics on the dislocation structure, deepens the understanding of the
deformation mechanisms operating in metals and their correlation with the mechanical properties
of the bulk polycrystal. This capability can be particularly useful for materials having hexagonal
close-packed (HCP) crystal structures, as that of titanium, which possess anisotropic properties,
and their dislocation structures vary with deformation temperature and grain orientation. The main
source of dislocations in the metal AM structures form during the martensitic phase transformation
occurring due to rapid solidification of the molten metal. As the crystal lattice changes from one crystal
structure to another—in the case of Ti-6Al-4V, from β-Ti (HCP crystal structure) to α′-Ti (BCC crystal
structure) due to displacive transformation—dislocations are formed at the transformation interface to
allow for the misfit between the two crystal lattices, HCP and BCC [15]. Ahmed and Rack [16] have
shown that the crystallography of the two types of martensite that forms for Ti-6Al-4V is different and
is dependent on the cooling rate. Therefore, the dislocation content is an indication as to the nature
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and extent of the martensitic phase transformation, which is why the diffraction line profile analysis is
vital in understanding the effect of the various AM processes on the microstructure and mechanical
properties of Ti-6Al-4V. Moreover, this type of analysis may elucidate this change in the martensite
formed by the change in the percentage of dislocations formed, as different orientation relationships at
the transforming interface will change the type and number of dislocations formed, as that reported by
Carroll et al. [17].

The primary objective of this study is to measure the different dislocation densities that form
during four prominent metal AM processes, namely SLM, EBM, DMD, and WAAM, when fabricating
Ti-6Al-4V wedge-shaped samples. This titanium alloy has been widely used for both aerospace
and medical applications. Hence, in this study, the samples were irradiated with neutrons and the
diffraction data was collected and analyzed using DLPA technique.

2. Materials and Methods

2.1. Sample Preparation

A wedge-shaped sample, with dimensions shown in Figure 1, was fabricated using each of the
four AM processes, namely SLM, EBM, DMD, and WAAM. The wedge geometry was chosen to
manifest changes in the character of the builds as a function of section size (e.g., thinner sections may
cool faster than the thicker sections), which may influence microstructure formation and hence the
mechanical properties. The processing parameters for the four different techniques were different and
were optimized in a separate study by the various research providers.

An EOSINT M280 machine (Electro Optical Systems EOS GmbH, Krailling, Germany) was used
to fabricate the titanium wedge-shape sample in the horizontal orientation using the SLM process.
Gas atomized Ti-6Al-4V powder with particle size up to 63 μm was used. The process parameters used
were: laser power 280 W, scan speed 1200 mm/s, layer thickness 30 μm, and hatch spacing 140 μm.

An Arcam A1 machine (Arcam AB, Mölndal, Sweden) was used for the EBM process. The titanium
sample was fabricated using Ti-6Al-4V ASTM Grade 23 powder (average particle size of 73.52 μm).
The standard Arcam theme 3.2.121 (Arcam AB, Mölndal, Sweden) was employed, which had an
acceleration voltage of 60 kV, beam current of 1–10 mA, beam spot size of 200 μm, speed factor of 98,
scanning line offset of 0.1 mm, layer thickness of 50 μm, and preheating temperature of 730 ◦C.

A 5 kW Trumpf-POM machine was used for the DMD process. A 210 mm × 115 mm × 6 mm
titanium base plate in the annealed condition and Ti-6Al-4V powder (average particle size of 60 μm)
supplied by TLS Technik were used for deposition. The powder was delivered to the deposition area.
The fabrication of the wedge-shaped sample was conducted in an argon and helium gas atmosphere
to minimize oxygen contamination. A laser power of 1600 W, laser spot size of about 2.2 mm, laser
head traverse speed of 60 mm/min, and powder feed rate of 4.3 g/min were employed for processing.

A gas tungsten arc welding (WAAM) process was used for fabricating the Ti-6Al-4V sample.
A 250 mm × 100 mm × 12 mm titanium base plate and a 1 mm diameter hard-drawn Ti-6Al-4V
wire were used for deposition. However, the thick track dimensions of the WAAM process made it
impossible to produce the wedge sample to the required dimensional tolerances by using only the
deposition process. Instead, a rectangular block of material of dimensions 25 mm × 55 mm × 12 mm
was deposited and the wedge shape was subsequently produced by wire cutting and machining.
A current of 140 Amps, travel speed of 152 mm/min, arc length of 3.5 mm, and wire feed speed of
1.34 m/min (0.28 kg/h) were used as processing parameters. Welding grade argon (99.995% purity)
was used as shielding gas at a flow rate of 25 L/min.
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Figure 1. Dimensions of the wedge-shaped sample (in mm) used for the diffraction line profile analysis.

2.2. Neutron Diffraction Set Parameters and Extended Convolution Multiple Whole Profile (eCMWP) Analysis

Neutron diffraction data for the Ti-6Al-4V samples was collected on the high-resolution
diffractometer Echidna at the OPAL facility (ANSTO, Lucas Heights, Australia), using neutrons
of wavelength 1.6215 Å. During data collection, each sample was rotated around its two-fold axis to
reduce the effect of preferred orientation, if any. To determine instrumental contribution to the peak
width, calibration data was collected for a powder LaB6 sample (NIST SRM 660c). The entire sample
was simultaneously exposed to the neutron beam during the rotations in both orientations.

The analysis in this study was performed using the peak line broadening analysis software
package eCMWP (“extended Convolution Multiple Whole Profile” procedure, 2017, G. Ribárik, et al.,
Budapest, Germany) [9,18]. The eCMWP software constructs a theoretical diffraction pattern based on
well-established physical models of the microstructure, e.g., sub-grain size distributions, dislocation
structures, and planar faults. The final shape of the various peaks of a diffraction pattern, IPM(2θ),
is a convolution of the contribution of various lattice defects and the contribution of the diffraction
instrument itself, which is calculated using Equation (1) [9,18].

IPM(2θ) = ∑
hkl

IS
hkl ∗ ID

hkl ∗ IPD
hkl ∗ I INST

hkl + IBG (1)

where the defect related profile functions are the size, IS
hkl , represents the dislocation cell or sub-grain

size distribution [19], ID
hkl , represents the contribution of the dislocations [20,21], IPD

hkl , represents the
contribution of the planar defects such as twin boundaries or stacking faults [22,23], I INST

hkl , is the
instrumental peak broadening and shape [24], and IBG is the background of the diffraction pattern
usually represented by a cubic spline. The instrumental peak shapes, I INST

hkl , were determined by
measuring a LaB6 standard powder sample, which has no detectable microstructure (i.e., it is coarse
grained, strain and dislocation free), thereby generating a result which is indicative of the peak
broadening caused by the diffraction instrument itself. The resulting theoretical diffraction pattern
presented in Equation (1) is fitted to the experimental data using a least-squares algorithm [18].
The fitting variables of the theoretical diffraction pattern are the quantitative features of the
microstructure, such as the median and width of the sub-grain size distribution, density, type, and
arrangement of the dislocations, and frequency of planar faults. The eCMWP software determines
these quantitative characteristics by forward modelling the microstructure until a match is found
between the theoretical and measured whole diffraction patterns [9,18].

Figure 2 shows the eCMWP refinement for the SLM sample. The open circles represent the
measured data, the continuous line represents the modeled pattern, and the difference between the
two is also shown. The 004, 202, and 104 reflections were not included in the analysis due to their
low signal-to-noise ratio. Even though 200 and 210 also have low signal-to-noise ratios they were
included, because ignoring them would have decreased the quality of the modeling for the overlapping
high-intensity reflections. The eCMWP software matches the measured and the modeled full pattern
by refining the microstructural parameters. In the present case, the refined microstructural parameters
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were: area weighted average sub-grain size <X>A, total dislocation density ρ, and ratio of sub-densities
having <a>, <c+a>, and <c> Burgers’ vector type, as described by Máthis et al. [10] and Ungár et al. [25].
It is important to note that the area weighted average sub-grain size <X>A represents a domain size
which is defined by low-angle grain boundaries or dislocation walls, thus it will be referred to as
sub-grain size or dislocation cell size; as reported by Ungár et al. [19]; hence, it is not the grain size
defined by high angle grain boundaries visible in an optical microscope or in a low resolution TEM.

 
Figure 2. The eCMWP analysis, showing: (a) comparison of the measured and modeled pattern for the
SLMed Ti-6Al-4V sample; and (b) diffraction plots between 50–85◦ (2θ) consisting of 102, 110, 103, 200,
112, and 201 phase reflections.

In order to qualitatively assess the neutron diffraction measurements, a Williamson-Hall (WH)
plot was constructed. The WH plot presents the full width at half maximum (FWHM) of the peaks as a
function of peak position. The FWHM values have been corrected for the instrumental broadening,
thus, they represent only the broadening induced by the microstructural features found in the samples.
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2.3. Residual Stress Analysis

Residual stress measurements were carried out using the contour method. The samples were
wire-cut and surface profiles were measured on a Brown and Sharpe coordinate measuring machine
(TESA USA, North Kingstown, RI, USA) equipped with a low force touch probe and 1 mm diameter
ruby-tipped stylus. Each cut surface was measured with a 0.1 mm × 0.1 mm grid spacing, producing
approximately 20,000 data points. The residual stresses were calculated from the raw contour data
using MATLAB (Version 8.4, The Mathworks Inc., Natick, MA, USA) scripts and ABAQUS (Version
6.13, Dassault Systèmes Simulia Corp., Johnston, RI, USA) Finite Element code.

2.4. Microstructural Analysis

For microstructural characterization, the samples were cut from the mid-section of the wedge
and prepared for metallographic examination. The samples were polished and etched with Kroll’s
reagent. The microstructures were examined under the Olympus BX-61 optical microscope (Olympus
Corporation, Shinjuku, Japan).

3. Results and Discussion

The representative microstructures of the 3D printed titanium samples, fabricated using four
different AM processes, are shown in Figure 3. It was noticed that all the samples consisted of
α′-Ti martensitic phase along with α+β-Ti matrix and prior β-Ti grain boundaries. However, the
morphology of the α′-Ti martensite phase was slightly different, depending upon the AM process.
The SLMed sample consisted of fine martensitic laths resembling a needle-like shape. The EBMed
sample consisted of a similar type of fine martensitic laths, as that of the SLMed sample, but these
laths were short and less in quantity. On the other hand, the DMDed sample consisted of thick and
short martensitic laths with distinct prior β-Ti grain boundaries. The WAAMed sample consisted of a
longer prior β-Ti grain boundary.

Figure 3. Microstructures of the 3D printed Ti-6Al-4V samples using four different AM processes.
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The Williamson-Hall (WH) plot is shown in Figure 4, and the quantitative results obtained using
eCMWP are presented in Table 1. From both the WH plot and the eCMWP data, it can be observed
that the SLMed sample consisted of the highest dislocation density, whereas the EBMed sample had
the lowest dislocation density in comparison to the DMDed and WAAMed samples, which exhibited
similar dislocation densities. In contrast, the FWHM of the different diffraction peaks does not increase
monotonously with increasing ’K’, the reciprocal of the lattice spacing. This is due to the well-known
effect of strain anisotropy [26], which is an indication of a significant dislocation density present in the
material. The mathematical description of strain anisotropy is provided by the dislocation contrast
factors, which describe the broadening of a given diffraction peak as a function of the hkl Miller indices
and the different dislocation types. The evaluation of the contrast factors is handled internally by
the eCMWP line profile analysis software, and the results can be used to determine the ratio of the
dislocations densities having <a>, <c+a>, and <c> type Burgers’ vectors [10].

Figure 4. WH Plot representing the physical peak broadening as a function of peak position ’K’.

Table 1. Dislocation sub-cell sizes <X>A, total dislocation densities ρTOTAL, and the ratios of sub-densities
having <a>, <c+a>, and <c> Burgers’ vector types for the Ti-6Al-4V specimen fabricated using four
metal AM processes.

AM Process <X>A (nm) ρTOTAL (m−2) <a> % <c+a> % <c> %

SLM 100 ± 15 (24 ± 3) × 1014 85 ± 10 10 ± 10 5 ± 10
EBM >500 (1.4 ± 0.5) × 1014 70 ± 15 30 ± 15 0 ± 15
DMD 120 ± 20 (4.1 ± 0.5) × 1014 60 ± 15 30 ± 15 10 ± 15

WAAM >500 (4.1 ± 0.5) × 1014 80 ± 10 20 ± 10 0 ± 10

From the eCMWP results presented in Table 1, it is quite evident that there is significant variation
in the dislocation sizes and densities, which is process-dependent. It should be noted here that the
entire sample was irradiated with neutrons simultaneously, and the values presented in Table 1 are
an average across the sample. The WAAMed sample exhibited a large sub-grain size that can be
attributed to the high heat input of the gas tungsten arc-welding (GTAW) torch used for its fabrication.

71



Metals 2019, 9, 60

While not measured in this study, if the temperature is below the martensite finish temperature but
still elevated during processing, it is possible that recovery can occur, thus increasing the sub-grain
size [27]. This is further supported by the evidence that the WAAMed sample consisted of long prior
β-Ti grain boundaries, which is possible when the cooling rates are low [28]. Likewise, the EBMed
sample also has a high sub-grain size, which can be attributed to the high bed temperature, and
subsequent slow cooling after deposition, allowing recovery processes to occur (i.e., the temperature
allows the dislocations to annihilate each other). Therefore, the EBMed sample consisted of fewer α′-Ti
martensitic laths (shown in Figure 3) compared to other samples [29]. On the other hand, the DMDed
and SLMed samples exhibit smaller sub-cell sizes that indicates that the cooling rate during the process
was higher than WAAM process, as well as the recovery rate being significantly reduced. However,
the heat input in the DMD process was considerably higher than the SLM process, which was retained
in the sample longer, resulting in thicker martensitic laths, as observed in the microstructures of these
samples [15].

The EBMed sample has very low dislocation density, which can be the result of the high powder
bed temperature (730 ◦C) employed during the EBM process. This provides sufficiently large amount
of energy to drive recovery of any dislocations that form due the martensitic transformation [27].
However, the dislocation density in the SLMed sample is ~6× larger than in the WAAMed and
DMDed samples and ~20× larger than the EBMed sample. This large increase in the dislocation
content for the SLMed sample is not evident, given that these samples experience martensitic phase
transformation during rapid cooling irrespective of the AM process used. There are three potential
sources of the formation of dislocations during fabrication of these four samples, as follows; plastic
deformation due to residual stress formation as the sample cools after deposition [30]; the dislocation
formation of the displacive martensitic phase transformation [31]; and the plastic strain that the
existing martensite laths undergo as new martensite laths form during the phase transformation [32].
As reported by Vasinonta et al. [30], the formation of residual stress in the 3D printing of Ti-6Al-4V is
dependent on the process parameters. Therefore, this can be the first potential source of an increase in
the dislocation content in the SLMed sample.

The residual stresses present in the Ti-6Al-4V samples along the central cross-section are shown in
Figure 5. The SLMed sample contained a significant amount of compressive residual stress in the lower
central portion of the wedge sample and tensile residual stress in the top and bottom edges. Such a
steep residual stress gradient can result in the increased formation of dislocations in the sample [33,34].
In contrast, the EBMed sample had a more uniform residual stress state across the cross-section,
ranging between −200 MPa and 200 MPa. The EBMed sample showed a much lower level of residual
stress state compared to the SLMed sample, primarily due to the high powder bed temperature and the
vacuum atmosphere maintained during the fabrication process [29]. The DMDed sample also consisted
of uniform residual stresses, apart from a couple of pockets of compressive residual stresses and tensile
residual stresses closer to the edges of the wedge sample, similar to that reported by Cottam et al. [35].
The WAAMed sample consisted of patches of mild tensile residual stress in the range of 100 to 300 MPa,
dispersed throughout the cross-section of the wedge-shaped specimen owing to the much higher heat
input than the laser-based DMD process [29,36].

The SLMed and WAAMed samples have approximately the same breakdown of dislocation types,
from Table 1. The DMDed sample has a Burgers’ vectors breakdown with more pyramidal, <c+a>, and
prismatic (<c>) dislocations, whereas the EBMed sample consists of higher proportion of pyramidal,
<c+a> type dislocations. Perhaps, this can be due to easier recovery of <a> type dislocations than
the other two types. This is reasonable as the <a> type dislocations make up most of the dislocation
content for Ti-6Al-4V samples fabricated using all four processes. Therefore, the probability that two
<a> dislocations will meet and annihilate is higher than two <c+a> dislocations, resulting in an increase
in the proportion of <c+a> type dislocations with increasing levels of recovery [27].

The crystallography of the strain associated with the martensitic phase transformation is invariant
and as such the level of dislocations it introduces will be relatively consistent for the four 3D printing
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processes. The plastic strain of the existing martensitic laths as new martensitic laths form is dependent
on the stress state of the material, as the martensitic transformation proceeds to a level which is a
combination of the residual stress state and the local stress in the grain. Therefore, since the residual
stress state of the SLMed sample is higher than for the WAAMed and DMDed samples, the plastic
strain during the transformation will increase, and as a result, the amount of dislocations that will
form in the SLMed sample will increase. Ali et al. [37] reported a decomposition of the α′-Ti martensite
structure into a more homogeneous α+β phase upon preheating the SLM powder bed to about
570 ◦C. Furthermore, each of these AM processes experience different cooling rates, as graphically
illustrated in Figure 6. Although not experimentally analyzed, it is expected that the cooling rate of
the powder-bed metal AM processes is quite high, and for Ti-6Al-4V could be more than 525 ◦C/s,
whereas for the other two AM processes, DMD and WAAM, the cooling rates are likely to be lower
than SLM and EBM. Moreover, due to the high heat input in the WAAM process, the cooling rate can
even be below 410 ◦C/s. Therefore, this explains the resultant microstructures, dislocation densities,
and residual stresses of the titanium samples fabricated using these four different AM processes.
It should be noted here that there will be process variations associated with each of the above AM
processes which might yield a different result to that reported in this work. Therefore, further in-depth
investigation is required to comprehend the dependency of the properties of the printed parts in terms
of microstructure, phases, and dislocation densities on the process variables.

 

Figure 5. Residual stresses in the Ti-6Al-4V samples fabricated using different AM processes.
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Figure 6. Schematic continuous cooling diagram for Ti-6Al-4V solution treated at 1050 ◦C for 30 min
and quenched using the Jominey end quench test, showing the fit in terms of the cooling rates
experienced during the four AM processes. (Reproduced with permission from Ahmed and Rack,
Phase transformations during cooling in α+β titanium alloys, published by Elsevier, 1998 [16]).

4. Conclusions

Titanium alloys, such as Ti-6Al-4V, are widely used in aerospace and medical applications.
In this work, the variation in the dislocation content of Ti-6Al-4V samples produced by the four metal
AM processes, SLM, EBM, DMD, and WAAM, was investigated, and it was attributed to the different
process characteristics. The SLMed sample contained a high dislocation content, the source of which
was attributed to the volume of the martensitic phase transformation as well as the residual stresses
in the sample. The DMDed sample had intermediate dislocation content and a significant amount of
<c> and <c+a> dislocations due to the intermediate cooling rate experienced by the sample during
this process. The EBMed sample exhibited a low dislocation content and a large dislocation cell size,
which was attributed to the high temperature of the powder bed of 730 ◦C during the printing process,
which facilitated recovery of the <a> type dislocations, thereby resulting in a decrease in the α′-Ti
martensite phase. The WAAMed sample produced a dislocation content similar to that of the DMDed
sample, but the breakdown of the dislocation of Burgers’ vectors was significantly different, which
was attributed to the low cooling rate during the process.
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Notations

3D Three Dimensional
AM Additive Manufacturing
BCC Body Centered-Cubic
EBM Electron Beam Melting
eCMWP extended Convolution Multiple Whole Profile
DLPA Diffraction Line Profile Analysis
DMD Direct Metal Deposition
FWHM Full Width at Half Maximum
HCP Hexagonal Close-Packed
IPM(2θ) Convolution of diffraction peaks at 2θ diffraction angle
IS
hkl Dislocation cell/sub-grain size distribution at [hkl] crystal plane

ID
hkl Contribution of the dislocations at [hkl] crystal plane

IPD
hkl Contribution of the planar defects at [hkl] crystal plane

I INST
hkl Instrumental peak broadening and shape at [hkl] crystal plane

IBG Background of the diffraction pattern
K Reciprocal of the lattice spacing
SLM Selective Laser Melting
TEM Transmission Electron Microscope
WAAM Wire Arc Additive Manufacturing
WH Williamson-Hall
<X>A Area weighted average sub-grain size
ρTotal Total dislocation density
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Abstract: The study presented investigates the fatigue strength of the (α+β) Ti-6Al-4V-ELI titanium
alloy processed by laser cutting with and without mechanical post-processing. The surface quality
and possible notch effects as a consequence of non-optimized intermediate cutting parameters are
characterized and evaluated. The microstructural changes in the heat-affected zone (HAZ) are
documented in detail and compared to samples with a mechanically post-processed (barrel grinding,
mechanical polishing) surface condition. The obtained results show a significant increase (≈50%) in
fatigue strength due to mechanical post-processing correlating with decreased surface roughness and
minimized notch effects when compared to the surface quality of the non-optimized laser cutting.
The martensitic α’-phase is detected in the HAZ with the formation of distinctive zones compared to
the initial equiaxial α+β microstructure. The HAZ could be removed up to 50% by means of barrel
grinding and up to 100% through mechanical polishing. A fracture analysis revealed that the fatigue
cracks always initiate on the laser-cut edges in the as-cut surface condition, which could be assigned to
an irregular macro and micro-notch relief. However, the typical characteristics of the non-optimized
laser cutting process (melting drops and significant higher surface roughness) lead to early fatigue
failure. The fatigue cracks solely started from the micro-notches of the surface relief and not from
the dross. As a consequence, the fatigue properties are dominated by these notches, which lead to
significant scatter, as well as decreased fatigue strength compared to the surface conditions with
mechanical finishing and better surface quality. With optimized laser-cutting conditions, HAZ will
be minimized, and surface roughness strongly decreased, which will lead to significantly improved
fatigue strength.

Keywords: Titanium alloys; Ti-6Al-4V-ELI; fatigue; laser cutting; post-processing; α’-martensite;
HAZ; barrel grinding; notch; fracture

1. Introduction

Titanium alloys are a frequently used material in industrial applications with ongoing market
growth in recent years [1]. The industrial applications involve a wide spectrum from the aerospace
and automobile sector, the chemical industry, to the field of medical engineering, such as applications
in osteosynthesis. The reasons for this broad range of applications are high specific strength even at
higher temperatures, excellent corrosion resistance, and the ability to adjust the material properties to
a great extent with the optimization of the microstructure, as well as surface properties [1–3].

Titanium alloys possess high sensitivity to processing conditions and the subsequent fatigue
loading during the application, strongly depending on the chemical composition, initial microstructure,
and thermomechanical history [1,4–6]. Insufficient understanding or negligence of these factors may,
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therefore, result in an under- or overestimation of the fatigue strength and, as a consequence, either the
failure to explore the full potential of titanium alloys or the leading to fatal failure cases.

The processing method of laser-cutting is a frequently used technique to transfer the sheet
pre-product to the end geometry for the application. The high cost-effectiveness, economic efficiency,
variability, as well as the possibility to produce complex geometries in a short time, are only a few
of the many advantages [7–9]. However, the thermal input due to the laser must be adjusted and
optimized regarding the surface roughness and resulting heat-affected zone (HAZ). Otherwise, micro-
and macro-notch effects can negatively affect the fatigue behavior leading to catastrophic pre-mature
failure in their application [4,10–12]. The local changes of the microstructure in the HAZ may also have
a significant influence on the mechanical properties and on the fatigue strength, in particular [4,13–15].
However, the mechanical post-processing or finishing methods can improve the surface quality
after laser-cutting or related processing methods in a significant way, which was proven in several
studies [9,10,16–18]. The effects of surface roughness and the influence of the HAZ of a laser-cut
component are, nevertheless, the subject of current research. Depending on the extent of strength
reduction, the laser-cutting process has to be adjusted so as to form a favorable surface quality at the
expense of the processing speed, while costly post-processing of the surface to remove the HAZ also
has to be discussed with regard to its effectiveness on fatigue strength improvement.

The (α+β) alloy Ti-6Al-4V-ELI, which is analyzed in the present study, is one of the standard
alloys in the medical sector due to its exceptional combination of high specific strength, good ductility,
and remarkable corrosion resistance. As sheet metal, this alloy is mostly processed by laser-cutting and
mechanically post-processed with barrel or vibratory grinding methods. While detailed investigations
on the surface quality and the HAZ due to laser-cutting and their consequence with regard to the fatigue
properties are limited, it is of a common consensus that from a general point of view, a significant
negative influence of increasing surface roughness on fatigue behavior is expected [10,14–16,19]. Studies
on the general interaction of laser and material surface concentrate on the temperature field, kerf
development, and parameter studies (type of laser, power, speed, etc.) [13,20–24]. Fatigue properties
of Ti-6Al-4V-ELI have been investigated intensively in the past [10,14–17,25–29]. The sensitivity
against surface roughness and underlying surface near microstructure is assessed and confirmed.
Da Silva et al. [10] demonstrated a theoretical and experimental decrease in fatigue strength with
increasing surface roughness. Morita et al. [27] focused on the influence of short term aging to improve
the fatigue performance of notched Ti-6Al-4V-ELI. The development of α’-martensite phase during
quenching led to a retardation of crack propagation and, therefore, better fatigue properties [27]. The
mechanical post-processing methods to improve the fatigue properties of Ti-6Al-4V-ELI were the
subject of investigations, as was the influence of the environment, which is especially important for
application in the human body [10,16,17,30,31]. However, to the best of the author’s knowledge, no
direct studies are found focusing on the interaction between laser-cutting, the subsequent mechanical
post-processing, and the endurable stress amplitudes. Furthermore, it is known from related studies
concerning laser welding and comparable methods to which extent the laser can change the local
microstructure, and therefore, the mechanical and fatigue properties [32–34].

Therefore, the study aims to identify the principle changes that are obtained regarding surface
quality and near-surface microstructure due to laser-cutting with intermediate (non-optimized) cutting
parameters and to evaluate these effects with respect to the fatigue behavior of Ti-6AL-4V-ELI. The
possible local changes in the HAZ-microstructure shall be clarified, and the resulting surface quality
assessed. Furthermore, the fatigue strength of the specimens after mechanical post-processing with the
method of barrel grinding will be compared to samples with an as-cut surface and with a surface after
manual mechanical polishing. Surface roughness is also investigated in conjunction with the crack
initiation sites after fatigue loading.
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2. Materials and Methods

The studied medical grade Ti-6Al-4V-ELI (ISO 5832-3) sheet pre-product was purchased from the
supplier MetSuisse Distribution AG (Zug, Switzerland) and originally produced by RTI International
Metals Inc. (Pittsburgh, PA, USA). The sheet thickness was 0.8 mm and the laser-cutting process was
realized with a disk laser (TruDisk 5001-Fa. TRUMPF, Ditzingen, Germany) with 3 kW laser power
at 25 m/min cutting speed. To minimize the possible chemical reactions due to oxygen or nitrogen,
which can lead to hard and brittle TiO2 or TiN surface layers, laser-cutting was carried out under argon
atmosphere with an argon pressure of 6 bar. All laser cutting parameters (Table 1) were chosen to
display an average parameter set for the Ti-6Al-4V-ELI alloy. Since the process optimization was not
foreseen in the scope of the study presented, the parameters of the laser-cutting process were chosen
on the basis of practical knowledge and represent an intermediate condition; however, allowing a
general analysis of the possible changes in the microstructure and the extent of surface roughness
effects on the fatigue behavior. The geometry used for the laser-cut fatigue samples was developed in
previous studies on medical implant alloys [12] and is depicted in Figure 1.

Table 1. Laser cutting parameters applied for Ti-6l-4V-ELI sheets on the TruDisk 5001 laser
(Fa. TRUMPF-Series Tru Laser 7025).

Cutting
Parameters

Laser Power
Cutting
Speed

Spot Size
Laser Beam

Quality
Cutting

Gas
Nozzle

Focal
Distance

Used parameter set 3 kW
(λ = 1035 nm) 25 m/min

150 μm
(Focal spot on

the surface)
M2 = 14

Argon
(6 bar)

Single
head-Conical
(2.0 mm)

6 inch

Figure 1. Fatigue sample geometry of Ti-6Al-4V-ELI with a marked laser coupling point. Dimensions
in mm.

The samples originally processed by laser-cutting were divided into three series for fatigue testing.
Laser-cut samples (Ti-6Al_LC), barrel-grinded samples (Ti-6Al_BG), and mechanically polished
samples (Ti-6Al_MP) were investigated in detail before fatigue testing to document and assess the
surface quality and near surface microstructure (heat-affected zone—HAZ) after the laser-cutting
process, as well as after the mechanical post-processing. Therefore, metallographic cross-sections
were prepared and microstructure analysis was executed by means of light microscopy, as well as
scanning electron microscopy (SEM–JEOL JSM 7800-JEOL Ltd., Tokyo, Japan). The surface relief
and roughness after laser-cutting was evaluated by confocal microscopy (Leica DCM 3D - Leica
Microsystems, Wetzlar, Germany) using the software Leica Map Premium 6.2.7487. The element
analysis for microstructural mapping in the HAZ was realized by energy dispersive spectroscopy
(EDS–Oxford Instruments, Abingdon, Great Britain), which was attached on the SEM column. The
AZtecHKL software (version 3.0) was used for evaluation.
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All fatigue tests were carried out by a servo-electric load-frame (SEL 010 with software Loadframe
SX 2.4–Fa. Thelkin, Winterthur, Switzerland) using an attached cooling device with pressurized air
to hold the sample temperature during the fatigue tests at a constant room temperature level. The
load-controlled tests were executed under tension-compression mode (R = −1) with a frequency of
20 Hz. The fatigue life limit NG was set to 2 × 106 cycles. To ensure homogeneous sine oscillations,
several pre-tests were carried out to find the best parameter sets of the test system for the specific
vibration behavior of the Ti-6Al-4V-ELI alloy. Subsequently, load-increase tests were executed to
find the suitable load horizons. Finally, series testing was realized by means of the staircase method
(15–18 samples per series).

The Ti-6Al_LC samples were tested with the original surface condition after laser-cutting. The
melting drops were removed in the clamping range to ensure safe testing. The Ti-6Al_BG samples
were additionally barrel grinded with standard titanium alloy parameter sets (4 h (rough grit) and
4 h (fine grit) at 1000 RPM, pyramidal polishing stones) in a vibratory grinding machine for small
samples (Fa. Rösler, Untermerzbach, Germany). The Ti-6Al_MP samples were manually mechanically
polished along the cyclic load direction stepwise from P400, P800; P1200 to a final grid size of P2500,
which corresponds to an average roughness value of Sa < 0.500 μm. The mechanical-polishing and
barrel-grinding process were, thereby, carried out under constant fluid (water for mechanical polishing;
grinding fluid for barrel (vibratory) grinding). Metallographic cross-sectioning documented the change
in microstructure and HAZ as a consequence of the mechanical post-processing.

The fracture surface analysis was executed after the fatigue tests with SEM to locate crack initiation
sites of all samples and to assess the possible connection between surface roughness-related notch
effects due to laser-cutting and actual crack initiation after fatigue failure.

3. Results and Discussion

3.1. Surface Quality

The surface quality achieved due to the laser-cutting process with the particular cutting parameters
applied (see Material and Methods section) is depicted in Figures 2 and 3. The Ti-6Al-4V-ELI alloy
shows a distinctive surface relief with recognizable additional melting drops on the lower cutting edge.
On the upper cutting edge, an irregular distributed terrace-like surface structure can also be identified
(Figure 3a). Both observed features can be traced back to the influence of the laser-cutting parameters
applied. The melting drops are caused by an insufficient pressure of the inert argon gas atmosphere.
Whereas on the upper cutting edge, the occurring melting drops could be sufficiently removed, the
lower cutting edge is less accessible, demanding a higher pressurized air stream to successfully remove
all residual melting drops. As a consequence, the necessary argon pressure has to be well over 6 bar to
homogeneously remove melting drops on the whole cutting edge.

The irregular terrace-like structure can be assigned to an influence throughout the interaction
of the laser and Ti-6Al-4V-ELI but not directly explained till now. Further evaluation is, therefore,
necessary. However, optimized laser-cutting parameters will improve the surface quality to a great
extent, and therefore, also has a positive effect on the resulting fatigue strength of the Ti-6Al-4V-ELI
alloy. The average height parameters of the laser-cut surface relief are measured according to ISO
25178 by means of confocal microscopy. Several μm in distance between the relief hills and valleys
(Figure 2a) are identified, which concludes a significant surface roughness. Since fatigue failure in
the LCF (< 1 × 103–104 cycles) and HCF (up to 1 × 107 cycles) regime is mostly triggered by the stress
concentration at distinct surface flaws leading to early crack initiation and propagation, pronounced
surface roughness is detrimental for the expected fatigue strength and endurable cycles [10–12]. The
Ti-6Al_LC samples with a surface quality as depicted in Figure 2 could, therefore, be expected to cause
a dominant concentration of cyclic stress in the relief valleys during fatigue. In addition, Ti-6Al-4V is
known for its high notch sensitivity, which was the subject of detailed studies in the past [3,10,14,19],
demonstrating a strong decrease of fatigue strength correlating with higher surface roughness and
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resulting notch factors. Comparing the surface quality after laser-cutting (Ti-6Al_LC) with the sample
series of Ti-6Al-BG and Ti-6Al_MP, the latter ones show a significantly improved surface quality, which
correlates also with lower surface roughness. The mechanically polished surfaces of the Ti-6Al_MP
samples are completely free of visible micro-notches which is a result of the homogeneous polishing to
a grit size of P2500 and corresponds to a surface quality of Sa < 0.500 μm. In comparison to the as-cut
surface, as well as the barrel grinded surface, this post-processing represents the best surface quality
for the fatigue samples in the study presented.

Figure 2. Obtained quality of the laser-cut surfaces of Ti-6Al-4V-ELI with non-optimized laser cutting
conditions: (a) Overview SEM-image of the cutting edge with residual melting drops at the lower part;
(b) Detailed SEM-image showing a wavy, irregular surface structure after the laser-cutting process.

Figure 3. Typical representative surface reliefs by means of confocal microscopy (normalized) of
Ti-6Al-4V-ELI with average height parameters: (a) Surface after laser-cutting; (b) Surface after
barrel-grinding—Improvement of surface quality.

Barrel-grinded surfaces, on the other hand, show a strong improvement in surface quality and
less roughness, but retained micro-notches are visible in the center area of the cutting edges (Figure 3b).
These micro-notches could act as possible crack initiation sites in the application, which was already
shown in detail in one of the authors previous studies of laser-cut β-titanium, as well as α-titanium for
fatigue samples and osteosynthesis plates [12]. This leads to the conclusion that the barrel-grinding
process is an effective tool to reduce detrimental laser-cutting effects, but only under the prerequisite of
already optimized laser-cutting parameters for a specific material. Without the improvement of the
original laser-cut surface quality, micro-notches seem to remain in the center area of the laser-cutting
edges playing a decisive role for achievable fatigue strength in the application.
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3.2. Microstructural Development of the Heat-Affected Zone (HAZ)

The microstructural response to the thermal input from processing in the heat-affected zone is
alongside the surface quality, the most important factor to define the influence of the laser-cutting
process regarding the fatigue behavior. Possible microstructural changes compared to the initial
α+β-microstructure could be expected for Ti-6Al-4V-ELI since the laser-cutting temperature lies well
above the β-transus temperature of this alloy (≈980 ◦C [35]). Hence, the laser-cutting process could
change the surface-near microstructure caused by the local heating and subsequent self-quenching.

The HAZ in a cross-sectional view at the upper cutting edge depicted in Figure 4 clearly
demonstrates the change in microstructure from equiaxial α+β into acicular martensitic α’ with
retained β, the latter being proven by the EDS-analysis showing a higher V-content as a strong β-phase
stabilizer. The transformation into martensitic α’ is, thereby, associated with the self-quenching process,
which is fast enough to transform the initial equiaxial α-phase (5–10 μm in grain size) to fine acicular α’
martensite. The retained β-phase can be explained by the very fast processing time and holding over
β-transus not allowing the β-phase also to transform into α’ martensite. The lower cutting edge with
residual melting drops (Figure 2a) shows, by contrast, two distinctive zones (Figure 5—Cross-sectional
view). A small surface layer (average thickness 10–15 μm) consists solely of acicular α’ without β-phase.
The second zone, which develops with growing distance to the free surface, consists of α’ and β-phase,
comparable to the upper cutting edge, followed by the initial (α+β)-microstructure. The development
of the different microstructural zones could be explained with the self-quenching gradient from the
laser-cutting temperature, which causes different quenching speeds towards the sample interior and,
therefore, possible zone formation. However, in order to explain the pronounced microstructural
difference of upper and lower cutting edges, more detailed information of the temperature distribution
related to the process parameters would be necessary.

Figure 4. Typical HAZ at the upper cutting edge developed during the laser cutting process (Ti-6Al_LC
sample): (a) Light microscopic image representing an overview; (b) SEM-image (SE cross-section) of
the HAZ microstructure with α’-martensite; (c) Element analysis (EDS) showing the higher vanadium
content (β-stabilizer) in the β-phase of the HAZ.
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Figure 5. SEM image (BSE cross-section) of the HAZ at the lower cutting edge of a Ti-6Al_LC sample
showing three distinctive microstructural zones after laser-cutting consisting of martensitic α’-phase
and retained β-phase.

The measured thickness of the HAZ (≈40–70 μm) depends on the occurrence of the different
zones and is more pronounced at the lower cutting edge with the additional α’-zone. The optimized
laser-cutting parameters, such as speed and power would contribute to a significant less pronounced
HAZ. Furthermore, the application of a pulsed laser is expected to have a positive effect on the local
microstructural changes due to the very short processing window and heating over the β-transus
temperature [36].

With the mechanical post-processing of the laser-cut surface, not only the surface quality is
improved, as was discussed in Section 3.1, but also the HAZ is significantly affected. The result
is depicted in Figure 6 showing a significant reduction of the HAZ thickness. The barrel-grinding
process creates, thereby, a decrease of about 50% HAZ compared to the initially observed HAZ without
any mechanical post-processing. The reduction is independent of upper or lower cutting edge but
shows irregularities at the crossover region of the radius and clamping range. This phenomenon can
be explained by the mechanism of the barrel grinding process itself, which is based on a rotary or
vibratory grinding process between the sample and a specific grinding stone, as well as an abrasive
medium [37,38]. The careful selection and adaption of this process is a prerequisite for an optimal
and homogeneous grinding result. The complex geometries and very poor initial surface quality are
prerequisites that may have an adverse effect on the grinding quality. Insufficient grinding results
negatively influence the fatigue properties with residual micro-notches on geometrically inaccessible
locations on samples or components [12].

Figure 6. Thickness of the HAZ dependent on the mechanical post-processing showing a significant
decrease in measured HAZ-thickness at the upper cutting edge.
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The results of mechanical polishing are also depicted in Figure 6. An almost complete removal of
the HAZ is observed. However, it has to be pointed out that in the study presented, the mechanical
polishing was executed hand-made, leading to slight variations regarding the extent of removal of the
HAZ for the overall number of samples.

3.3. Fatigue Results and Crack Initiation

The fatigue test results for all the three sample series are shown in Figure 7a. Remarkable
differences are recognizable between the samples with the as-cut surface (Ti-6Al_LC) and the sample
series with additional post-processing of the surface (Ti-6Al_BG and Ti-6Al_MP). The results for
the as-cut samples show a significant scatter and the lowest fatigue strength (σaD,50% = 235 MPa)
for a fatigue life limit of NG = 2 × 106. A superior fatigue strength was reached for the series with
barrel-grinded surface (351 MPa) and mechanically polished surface (363 MPa). These values represent
an increase of around 50% compared to the original laser-cut surface condition. However, while
comparing the fatigue strengths obtained for the different sample conditions, it has to be considered that
the as-cut condition represents a more or less “worst-case” condition since the process parameters were
chosen on the basis of practical knowledge and were not yet optimized. The optimized laser-cutting
parameters result in strongly decreased surface roughness and improved fatigue strength. The
scattering of the results is less distinctive with mechanical post-processing of the surface and can
be attributed to a higher surface quality with less surface roughness, and therefore, less possible
notches acting as stress concentrators during fatigue loading. For the barrel grinded surface condition;
however, micro-notches remain in the center area of the laser-cut edges, which was exemplarily shown
in Figure 3. In comparison to the process of mechanical polishing, which displays the best overall
fatigue behavior, barrel grinding of the Ti-6Al-4V-ELI alloy must be optimized, especially in case of
homogeneity and removal of all surface notches.

Figure 7. Fatigue results of the Ti-6Al-4V-ELI alloy: (a) S-N diagram for all three tested sample series;
(b) Fracture surface analysis for a Ti-6Al_MP sample with mechanically polished surface conditions
including the crack initiation site on the laser-cut edge directly near the sample corner after fatigue
failure at 450 MPa and 6.2 × 105 cycles.

Fatigue crack initiation sites for all Ti-6Al-4V-ELI samples are located at the sample edges and
corners. There are distinct differences between the three tested series, which are depicted in Figures 7b,
8 and 9. For the mechanically polished surface condition (Figure 7b), fatigue cracks initiate at the
laser-cut edges or the flat sample edges, but primarily at or directly near the sample corners. The
reason for this behavior is the overall good surface quality and comparable surface roughness of all
sample edges with no distinctive micro-notches. In this case, the sample corners act normally as the
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highest stress concentrator under fatigue loading for flat sample geometries [39]. The consequence is a
preferred fatigue crack initiation at these sites for the Ti-6Al_MP samples.

 

Figure 8. Fractography of a Ti-6Al_BG sample with barrel-grinded surface condition failed at 375 MPa
and 5.1 × 104 cycles: (a) SEM (SE) analysis of the laser-cut edge with detectable notches; (b) The
corresponding fracture surface with detailed view on fatigue crack initiation.

Figure 9. Fractography of a Ti-6Al_LC sample with as-cut surface condition failed at 200 MPa and
5.2 × 105 cycles: (a) SEM (SE) analysis of the fractured surface with identification of the martensitic
zone; (b) The corresponding detailed view at the fatigue crack initiation point.

The sample series with the barrel-grinded surface condition (Ti-6Al_BG) showed, on the contrary,
fatigue crack initiation always on the laser-cut edges, which is exemplarily depicted in Figure 8.
Furthermore, the crack initiation sites are not always located at the smallest loaded cross-section
but rather in the radius section. The cause for this behavior can be assigned to the remaining and
detected surface notches after the barrel-grinding process in the middle of the laser-cut edges (Figures 3
and 8a). The irregular size and distribution of these remaining notches leads consequently to stress
concentration, crack initiation, and failure at the biggest notches, and these can be located outside
the smallest loaded cross-section. Associated with the effective lower overall surface roughness of
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the laser-cut edges and the observed, particularly rounded, sample corners (Figure 8b—lower stress
concentration sites), all Ti-6Al_BG samples are expected to fail at one of the remaining notches.

The sample series with the initial as-cut surface condition (Ti-6Al_LC) reveal almost similar
fatigue crack initiation points as the Ti-6Al_BG samples. Due to the significantly stronger local surface
roughness (compared to the flat sample edges) caused by the laser-cutting for the process parameters
applied, fatigue failure could always be directly assigned to the crack initiation at the laser-cut edges,
which is depicted in Figure 9 in the fracture surface analysis. Pronounced irregularity of the surface
profile leads subsequently to the high scattering of the fatigue results and the decreased fatigue strength
for the Ti-6Al_LC sample series. At this point, it should be pointed out that, irrespective of the severe
geometrical irregularity of the dross formation (see Figure 2a) due to a lack of process optimization,
fatigue crack initiation always started from an extrusion/intrusion from the surface relief and not from
a dross. The optimized cutting conditions improve this behavior and lead to significantly improved
fatigue strength, although the formation of a slight surface relief cannot be completely avoided and
may have an effect on the fatigue behavior. By comparing the fatigue behavior of the barrel-grinded
and the as-cut condition, it becomes obvious that even marginal remains of the surface relief can result
in early failure with values for the barrel grinded condition close to the upper scattering range of the
as-cut results. The fatigue results obtained for the stress amplitudes between 300 MPa and 350 MPa
demonstrate the particularly high sensitivity of the fatigue behavior of Ti-6Al-4V-ELI on surface flaws
with early failures (N < 2 × 105), as well as run-out samples (N = 2 × 106) for the same stress level.

An aspect to be considered for all three sample series, but especially for the as-cut surface condition,
is the presence of the HAZ caused by the laser-cutting. The martensitic zone (α’ and α’+ß—Figures 4
and 5) is especially pronounced in the as-cut surface condition (Figure 6) and expected to influence
the fatigue behavior, although an optimized laser-cutting process will significantly decrease HAZ
development. Due to a higher strength and more interphase boundaries, this phase can have a positive
effect on the fatigue strength or the fatigue crack growth behavior of Ti-6Al-4V [3,4,29]. However,
in connection with higher or irregular surface roughness, α’-martensite can have an opposing effect
and decrease the fatigue strength due to higher sensitivity for crack initiation and growth, which
can be explained with higher hardness and lower ductility of α’ compared with the initial α+β
microstructure [16,19]. In the study presented, a pronounced HAZ can clearly be observed for all
samples with an as-cut surface condition (Figure 9). The specific implication on the resulting fatigue
strength seems; however, not significant due to the superior effect of the surface roughness, which is
supported by the fact of highly scattered results for Ti-6Al_LC samples. In order to clearly identify an
influence of the HAZ on the early stages of fatigue crack initiation and growth, further investigations
with pre-notched samples would be necessary in order to quantitatively measure early crack growth
rates in the HAZ. For the sample series with mechanical post-processing, HAZ was also observed,
but in a less distinctive manner. The superior role of surface roughness is however confirmed with
crack initiation on specific notches for the barrel grinded surface condition or near sample corners for
the mechanically polished surface condition. It should be mentioned that possible residual stresses
introduced in the near-surface area and their potential influence on the fatigue strength has not been
part of the investigation of this study. However, this effect must be taken into consideration when
further elucidating the superior fatigue behavior of the mechanically polished condition.

A comparison of the findings in the study presented with fatigue properties in the literature
show a good correlation with the lower range of possible fatigue strengths for the (α+β) Ti-6Al-4V
alloy [14,15,25,26,29]. The overall fatigue properties of Ti-6Al-4V are, thereby, dependent on various
influencial factors regarding the microstructure, the fatigue test conditions, as well as the fatigue
geometry, composition and additional surface treatments. Furthermore, the role of thermal and residual
stresses and their influence on the fatigue behavior must be taken into account [2–4,16,29]. Although
the residual stress measurements were not executed in the study presented, it can be assumed that
compressive residual stresses are introduced during the process of mechanical finishing. For the as-cut
condition, the higher hardness of the α′-zone indicates an increase in mechanical strength; however,
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regarding the low surface quality of the as-cut condition, this general increase in strength can be
assumed to be more susceptible for early fatigue failure and crack initiation due to an increased notch
sensitivity. The compressive residual stresses introduced by means of mechanical polishing, on the
other hand, contribute to an enhanced fatigue strength, and combined with an improved surface
quality will result in an improved fatigue behavior [3,4,29]. The discrepancies in fatigue strength of
Ti-6Al-4V_ELI in the study presented clearly correlates with the surface quality of each processing
condition and, in particular, the resulting significant notch effects caused by the non-optimized
laser-cutting process. In consequence, an optimization of the used laser-cutting parameters could be
expected to significantly improve fatigue behavior.

The results of the as-cut surface condition impressively demonstrate the detrimental effect of the
surface roughness with exceptional low fatigue strength (σaD,50%= 235 MPa) and pronounced scatter
of the fatigue results. However, optimum laser-cutting parameters decrease this negative effect and
strongly enhance fatigue behavior, because of the direct correlation of laser-cutting parameters and
resulting surface quality. The barrel-grinding process (Ti-6Al_BG samples) results in a strong increase
in fatigue strength, but is, nevertheless, determined by the dominating influence of the remaining
notch profile in the center area of the laser-cut edges. The difference in fatigue strength compared to
the mechanically polished surface condition (Ti-6Al_MP samples—Figure 7) can mainly be explained
by the effect of the flat sample geometry and the consequential influence of the sample corners. These
corners act as preferential, and possible early crack initiation sites in case of the Ti-6Al_MP samples with
mechanically polished surface, whereas for Ti-6Al_BG samples with barrel grinded surface condition
observed significant rounding of the corners (Figure 8) has the opposite effect. Hence, both sample
series with mechanical post-processing of the surface exhibit almost similar fatigue behavior. The
influence of the underlying microstructure and investigated HAZ seems to play only a circumstantial
role compared to the dominant influence of the surface roughness. In consequence, the optimization of
the surface roughness has to be the essential goal for laser cutting of Ti-6Al-4V-ELI in order to avoid
early fatigue failure in application. Mechanical post-processing by means of barrel (vibratory) grinding
or polishing seems to be an excellent choice for achieving this goal due to clear enhancement of fatigue
strength caused by the minimization of arising surface roughness during laser cutting. Furthermore,
residual compressive stresses could be introduced, positively influencing stress concentration and
subsequent crack initiation during fatigue loading. All these factors are controlled by the grinding and
polishing parameters, as well as the exact alloy composition, heat treatment condition, and original
surface quality due to laser cutting, which, if mutually adjusted, hold the potential for significant
fatigue life improvement. The mechanical post-processing, such as barrel grinding, can easily be
implemented in industrial process chains and quality control. The downside is, on the other hand,
the control of dimensions, especially in the case of maintaining the original edge proportion, which
are prone to rounding (Figure 8b). Only recognition of all influencing effects can, therefore, lead to
economic and positive post-processing with subsequent utilization of the full material potential under
fatigue loading.

4. Conclusions

The study presented investigated the fatigue behavior of the medical implant alloy Ti-6Al-4V-ELI
processed by laser-cutting and the consequences of additional surface post-processing on the fatigue
properties with regard to surface roughness and HAZ. The fatigue behavior of the as-cut surface
condition was compared with mechanically polished surfaces, as well as with barrel-grinded surfaces.
The results can be summarized and concluded as follows:

• The surface relief introduced by the non-optimized laser-cutting influences the fatigue behavior
of Ti-6Al-4V-ELI significantly. For the process parameters featured in this study, fatigue strength
of the as-cut condition results in a drastic decrease of the fatigue strength compared to the
additionally surface-treated condition. However, the difference in fatigue strength observed in
this study will be controllable by optimizing the laser-cutting parameters.
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• The main reason for the superior fatigue strength of the post-processed conditions is a minimized
surface roughness, which in turn is responsible for higher resistance against fatigue crack initiation
on macro- and micro-notches originally caused by the laser-cutting.

• The process of barrel-grinding after the laser-cutting was effective but revealed retained surface
roughness in the center area of the cutting edges, which acts as preferred crack initiation sites
compared to the particularly rounded sample corners.

• Mechanically polished samples always failed at or near the sample corners, which is caused by a
stress concentration on these sites.

• The HAZ consisting of martensitic α’ and β along distinctive surface and subsurface zones was
analyzed and does not play a significant role in early fatigue failure, which instead was dominated
by the surface roughness. Nevertheless, the applied mechanical post-processing led to an almost
complete removal of the HAZ.

• To avoid early fatigue failure in the application, an optimization of the laser-cutting parameters
is crucial in order to obtain better surface quality. This allows the required post-processing
to improve the surface roughness further and, therefore, the fatigue strength. However, both
processes, laser-cutting and mechanical post-processing, have to be optimized in the dependence
of the specific alloy composition and fatigue behavior of Ti-6Al-4V-ELI.
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Abstract: In the area of dentistry, there is a wide variety of designs of dental implant and materials,
especially titanium, which aims to avoid failures and increase their clinical durability. The purpose of
this review was to evaluate fatigue behavior in different connections and implant materials, as well
as their loading conditions and response to failure. In vitro tests under normal and dynamic loading
conditions evaluating fatigue at implant and abutment connection were included. A search was
conducted in PubMed, Scopus, and Science Direct. Data extraction was performed independently by
two reviewers. The quality of selected studies was assessed using the Cochrane Handbook proposed
by the tool for clinical trials. Nineteen studies were included. Fourteen studies had an unclear
risk and five had high risk of bias. Due to the heterogeneity of the data and the evaluation of the
quality of the studies, meta-analysis could not be performed. Evidence from this study suggests
that both internal and morse taper connections presented a better behavior to failure. However, it is
necessary to unify criteria in the methodological design of in vitro studies, following methodological
guidelines and establishing conditions that allow the homogenization of designs in ISO (International
Organization for Standardization) standards.

Keywords: biomechanics; dental implant(s); in vitro; systematic reviews; evidence-based medicine

1. Introduction

The use of dental implants has become a common practice for replacing missing teeth in different
clinical situations [1,2]. The used materials are chosen according to both their mechanical and chemical
properties, as well as to their biocompatibility [3]. Commercially, pure titanium and its alloys are
widely used for manufacturing dental implants because of excellent mechanical and physical properties,
and favorable rates for long-term clinical survival [4]. In addition, titanium-based implants have a
good resistance to corrosion with an excellent biocompatibility and high modulus of elasticity [5,6].
The use of Ti–6Al–4V [7] alloy is employed for biomedical application and, also, in dental implants
due to its high mechanical resistance, which ensures load transmission to bone tissues over a long time,
which is necessary when damaged hard tissues are replaced by prostheses [3]. This alloy presents a
drawback due to the use of vanadium and aluminum that can cause some toxic effects. Other titanium
grades can be employed in dental implants but they also have disadvantages like the Young modulus,
relatively low mechanical strength, poor wear resistance and difficulty to improve the mechanical
properties without reducing biocompatibility. New β-type titanium alloys for dental implants have

Metals 2018, 8, 313; doi:10.3390/met8050313 www.mdpi.com/journal/metals93
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been developed. These have good properties and less toxicity, good ductility, high resistance. They
also have elastic modules closer to those of human bone compared to other alloys [7].

Although the mechanical strength of dental implants is important, they must also present adequate
stiffness to avoid shielding the bones from stress. This stress shielding induces loss of bone density,
leading to bone atrophy. Moreover, the interaction between titanium and tissues is a key factor in
the success of dental implants and, for this reason, surfaces of used alloys are conveniently treated.
If the implant is manufactured with titanium grade 5, those implants must have a surface treatment to
improve the corrosion [3]. This interaction between titanium and tissues is affected by the implant
surface composition, as well as by its hydrophilicity, morphology, and roughness [8]. Different surface
treatments have been tried and developed with the aim of obtaining titanium surfaces with better
biological properties. This surface treatment yields a good osseointegration and obtain an improvement
on the success of dental implants [9] with a change in the chemical composition. Nano roughness,
texture, and porosity are some of the most important factors in the surface of an implant because they
affect the ability of cells to adhere to a solid substrate [10].

The manufacturing process also influences the alloy’s characteristics. The tensile strength of
titanium alloy can range from 369 to 3267 MPa depending on the process employed. Fatigue behavior
is also affected by the manufacturing process and it can be also improved by combining the material
properties, surface properties, and design optimization of implants.

Despite all the advantages of titanium, considered as the “gold standard” material for the
manufacture of dental implants, its biggest drawback are aesthetic considerations. Therefore,
manufacturers began to use other types of materials such as ceramics [4,11] or polymers [4].

Osseointegrated dental implants are described in detail in a great number of studies [12], although
implant-supported connection have been less disclosed in the literature [13].

Nowadays, a vast number of implant designs are available. The first dental implants had an
external connection, where the hexagonal anti-rotational component is the most common design.
Figure 1a shows an example of this connection. Due to the high rate of rejected implants, a new
connection was designed. In this case, internal connection (Figure 1b) allowed a better union between
the implant and the abutment. Finally, morse taper connection (Figure 1c), which is another option for
an internal connection, was introduced because of its improvement on screw loosening [14–16].

These designs are different in terms of the connection of the implant-abutment (external or
internal connections) [17,18], which from a mechanical point of view, is the weakest area of the implant
system [19].

Applying static load tests to evaluate the strength of the implants and their components is a
common practice. However, these tests do not simulate real situations for implants [2]. Considering
that masticatory forces are cyclic, a fatigue testing should be carried out to predict how long
an implant system is going to function properly [20]. In vitro tests should better simulate the
clinical situations [21–23] and allow clinicians to understand the probability of survival of prosthetic
components and implants [13]. Before implant components are launched to the market, they should
satisfy the ISO 14801 specifications [24]. This ISO recommendation was planned for single, endosteal,
transmucosal dental implants tested under worst case applications. Nevertheless, several testing
protocols for evaluating the mechanical reliability of dental implants are available in the literature [25].
Different loading angles, frequency of loads, and application load levels have been employed in several
published cyclic testing protocols [26].

The fracture of an implant or of any of its components is an important complication which limits
the lifetime of the reconstruction. Although most of the studies available are limited to 5–7 years of
follow-up [26], Snauwaert et al. found in a 15-year study, an early implant fracture (up to one year
after abutment connection) in 3.4% and late implant failures of 7.4% [27]. Considering that implants
should serve for decades, these type of studies are inadequate to analyze implant failure or fracture
and make essential to examine dental implants under fatigue testing approaches. Once the number of
cycles an implant can support until failure are known, its expected life can be predicted accurately [28].
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The aim of this systematic review was to evaluate fatigue behavior in different connections
and types of implants, their loading conditions, and their response to failure between implant
and abutment.

Figure 1. Schematic views of dental implant connections: (a) External connection (b) Internal
connection (c) Morse taper connection.

2. Materials and Methods

This systematic review follows the Preferred Reporting Items for Systematic Reviews and
Meta-Analyses (PRISMA) guidelines [29].

2.1. Focused Questions

First question (A): Does a certain number of cycles and a certain force (Newtons) exist between a
defined implant connection and abutment failure?

Second question (B): How many cycles does a certain implant connection and abutment fail?

2.2. Inclusion and Exclusion Criteria

Inclusion criteria were in vitro clinical studies on dental implants in which fatigue at the implant
and abutment connection were evaluated by subjecting them to dynamic cyclic loads. Studies were
been carried out under normal environmental conditions. Dental implants are included disregarding
the type of connection. There were no restrictions on the language or date of publication.

Exclusion criteria were all designs of observational studies, reviews, thermal fatigue assessment,
static tests, or using incorrect units of measure.

2.3. Search Strategy

In this paper the research questions were elaborated considering each of the components of
the PICO(S) [30] strategy research questions which is explained as follows: (P) dental implants and
abutments; (I) cyclic loads; (C) studies with or without a comparison group where external, internal
or morse taper connections were evaluated with implant materials and/or abutment of titanium,
zirconium or others; (O) the evaluation of fatigue in terms of failure; (S) in vitro study.

An electronic search was performed in MEDLINE/PubMed, Scopus and Science Direct, database
until the 15 March 2018. The search strategy used is detailed in Table 1.
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Table 1. Search strategies carried out in databases.

Database Search Strategy Search Data

MEDLINE/PubMed

(dental AND (implant OR abutment) OR tooth implant)
AND (cyclic loading) AND ((internal OR external)

connection) AND (fatigue OR moment OR stress) AND
(“in vitro” OR “experimental study”) NOT (review)

15 March 2018

Scopus

(dental AND (implant OR abutment) OR tooth implant)
AND (cyclic loading) AND ((internal OR external)

connection) AND (fatigue OR moment OR stress) AND
(“in vitro” OR “experimental study”) AND NOT (review)

15 March 2018

Science Direct

(dental AND (implant OR abutment) OR tooth implant)
AND (cyclic loading) AND ((internal OR external)

connection) AND (fatigue OR moment OR stress) AND
(“in vitro” OR “experimental study”) AND NOT (review)

15 March 2018

2.4. Study Selection

Two authors (Rosa Rojo and María Prados-Privado) performed all the search operations and
selected articles fulfilling the inclusion criteria independently and in duplicate. Additionally,
the references of the articles included in this work were manually reviewed. Disagreements between
the two authors were reviewed in a complete text by a third author (Juan Carlos Prados-Frutos) to
make the final decision. The level of agreement between the reviewers regarding study inclusion was
calculated using Cohen’s kappa statistic.

2.5. Data Extraction

Two of the authors (María Prados-Privado and Rosa Rojo) collected all the data from the selected
articles in duplicate and independently.

2.6. Study Quality Assessment

The assessment of risk of bias from clinical in vitro studies was evaluated by two of the authors
(María Prados-Privado and Antonio José Reinoso), who were previously trained by an expert in
evaluation of systematic reviews. For the assessment of risk of bias the Cochrane Handbook [31] was
followed which incorporates seven domains: random sequence generation (selection bias); allocation
concealment (selection bias); masking of participants and personnel (performance bias); masking of
outcome assessment (detection bias); incomplete outcome data (attrition bias); selective reporting
(reporting bias); and other bias.

The articles that did not achieve consensus between the two authors were reviewed by a third
author (Rosa Rojo) to make the final decision.

The studies were classified into the following categories: low risk of bias—low risk of bias for
all key domains; unclear risk of bias—unclear risk of bias for one or more key domains; high risk of
bias—high risk of bias for one or more key domains.

2.7. Statistical Analysis

To evaluate the agreement between the inter-examiner, the statistic Cohen’s kappa and the
interpretation proposed by Landis & Koch [32] was used. Statistical calculations were performed
with R software version 3.4.1 (R Core Development Team, R Foundation, Vienna, Austria) with the
interrater reliability (irr) package.
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3. Results

3.1. Study Selection

Figure 2 shows a flowchart of the study selection. All electronic search strategies provided
161 potential articles. Two of the authors (Rosa Rojo and María Prados-Privado) independently
identified 48 eligible documents. The general agreement of eligibility of the studies between the
authors was high (k = 0.87; p = 0.049.) Specifically, agreement between authors on the selection of
articles in each considered database was high for all of them: Medline/PubMed (k = 0.93; p = 0.046),
Scopus (k = 0.80; p = 0.043), and Science Direct (k = 0.82; p = 0.05). A total of 38 studies were excluded
because they did not meet the defined inclusion criteria. Additionally, a manual search has been carried
out to analyze the references cited in 10 of the articles that were included in this work. We reviewed
342 references. After removing duplicates, we analyzed the titles, abstracts and, when required, the
full-text from 272 citations. A total of 263 studies were excluded as they did not match the inclusion
criteria. As a result, nine additional articles were incorporated from the manual search. Finally, a total
of nineteen in vitro studies were analyzed.

Figure 2. Flow chart.
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3.2. Relevant Data from Studies

Two of the authors (María Prados-Privado and Rosa Rojo) extracted all the data from the selected
works whose characteristics are shown in Table 2. The 19 in vitro studies analyzed [20,33–50] were
carried out in several countries: Japan, Italy, Germany, Australia, Brazil, Switzerland, Turkey, Republic
of Singapore, Greece, and the United States.

For all the studies, we collected the most important variables that could affect the results,
such as sample size, the existence of funding, main characteristic of dental implants (connection,
material, diameter and length), main properties of abutments (material and length), and applied load
(magnitude, angulation, frequency and cycles).

Table 3 shows the 14 studies that answered the first question (A). The best behavior analyzed
corresponded to a study where the zirconium-based implant hardened with alumina-doped
yttrium-stabilized yttrium zirconium polyurethane and abutment of the same material was applied
with a force of 98 N to 10,000,000 cycles [48]. No fault displayed.

Moreover, were are studies where the zirconium-based implant and abutment with an applied
force of 50 N at 100 N, 45◦ of the axial axis of the dental implant and from 1,200,000 [46] to 3,600,000
cycles [50], respectively, showed failure under similar conditions.

It was observed that the titanium had a better behavior if the implant and the abutment were
made of the same material [42,44,46,50]. The results also suggest that the behavior of the titanium
worsens when the materials of the implant and the abutment are different [20,36,38].

Table 4 shows the six studies that answer the second question (B). The maximum number
of reported cycles where the connection between the implant and the pillar fails is 5,000,000
cycles [33,41,45]. From the studies presenting better behavior fatigues, it has been found that the
implant and the abutment are both made from titanium [33,45], or the abutment is combated with
zirconium [41].

For both questions, Tables 3 and 4 show that the implant and the abutment behave better
in the internal connections [33,41–46,48,50] and morse taper [41,47,49]. The study conducted by
Mitsias et al. [47] answers the two research questions addressed in this work.

3.3. Study Quality Assessment

Evaluation of selection bias: They were only included in two of the analyzed studies of the
method of randomization used [43,45]. However, it does not indicate whether there was concealment
of this allocation.

Evaluation of performance bias: In all the studies analyzed there was no blinding of staff or
assessors. Moreover, we found that in [34] the evaluator who prepared the specimens and who
performed the tests were the same person. This fact may lead to a high risk of bias.

Assessment of detection bias: The results were not blinded in any of the studies.
Evaluation of attrition bias: All studies reported the complete results of the specimens defined in

the clinical trial, although some reported inaccurately without indicating in the results the variable
descriptions in their methodology [39,42].

Evaluation of notification bias: All studies provide detailed results with the exception of one,
this study did not describe correctly whether the variables are quantitative or qualitative [39].

Evaluation of other bias: Funding was considered as another possible risk of bias in study
designs. Eleven trials were funded by commercial firms [20,35,36,40–43,46,48–50], five were not
reported [33,34,37,38,44], and three reported that no funding existed [39,45,47].

Using the evaluation of the seven domains for risk of bias it was determined that five had a high
risk of bias [20,33–36], 14 an unclear risk [37–50], and none had a low risk of bias. Figure 3 shows a
detailed description of the risk assessment of bias in the included studies.
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Figure 3. Assessment of risk of bias of included studies.

4. Discussion

There are several factors that influence the behavior of dental implants such as the biological effects
of the location and magnitude of applied force [51], occlusal forces following implant treatment [52],
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immediate or early implant loading [53], the influence of bone quality, effects of prosthesis type,
prosthesis material, or implant support [51].

The clinical long-term success of restorations in oral implantology depends, among other factors
on the stable connection between the dental implant and the abutment [54]. Therefore, a good
knowledge of the biomechanical behavior of dental implants is essential for clinical decision making
and thus, avoid mechanical failures. These are mainly due to fatigue caused by overload or loss of
bone around the implant [55–57].

The most common connections between the implant and the prosthesis are the external, internal
hexagon and morse taper connections [58]. The main advantages of the external connection are the
compatibility with a wide variety of implants, its economical price, the long-term follow-up data
available, and the literature provides solutions to the main drawbacks associated with its use. However,
among the main disadvantages of this connection are the loosening of the screws, the possibility of
screw fracture, worse aesthetic results, and an inadequate microbial seal [59–61].

The appearance of the internal connections was due to the interest in trying to reduce the aesthetic
and microbial filtration problems of the external connection, while improving the behavior of the
implant and peri-implant bone against masticatory forces [60]. The main advantages of these internal
connections are less or no screw loosening, less risk of screw fracture, aesthetic improvement, microbial
sealing, and the stability of the implant-prosthesis connection. Among the disadvantages are a higher
economic cost and long-term monitoring data lower than the external connection [59,62].

In the morse taper connections, all the components that make up the implantoprosthesis assembly
behave as a single whole, the forces are adequately distributed, the stability of the prosthesis is
guaranteed, and the areas of greatest mechanical suffering are protected, such as the crestal region of
the implant [17,63].

Other factors that influence the fracture of the dental implant are the materials, the diameter and
length of the implant, the material and length of the abutment, the applied force, its frequency, and the
angulation with respect to the implant [51]. This work includes all the parameters described above
even though there is a considerable amount of heterogeneity.

Titanium is still the most used material and it is also supported by long-term clinical studies [4], but
also in vitro studies since 1995 [33] introduced zirconium with the gold standard, titanium, to evaluate
the fatigue of dental implants. Although the results were favorable, its biggest drawback is its high
degree of quality requirement during production and its delicate clinical management [4].

The materials most used for dental implants were titanium and zirconia, with ranges of measures
in relation to diameter and height, of 3.8 mm to 4.6 mm and 10 mm to 15 mm, respectively. For the
abutment the most used materials were also titanium and zirconia but in the one study [49] also
used lithium disilicate and resin-based composite. There is no homogeneous criterion regarding the
magnitude, angulation, frequency, and number of cycles applied in the dynamic loads to the implants.
Therefore, with the data reported it is not possible to report conclusive results from the different
in vitro studies analyzed.

There are several engineering methods to evaluate the fatigue behavior of dental implants
such as finite elements [64], mathematical models for probabilistic fatigue [65], or other in vitro
studies. These type of study designs have developed, before their use in patients, new materials
to understand their physical, chemical, mechanical, and biological properties. These designs can
be developed under normal conditions or under other conditions such as in water [66,67] or
hydrothermal [68,69] environments.

There is not a large number of studies evaluating fatigue in dental implants in the scientific
literature. However, a greater number of in vitro studies which evaluated the same objectives under
normal conditions have been addressed. It is therefore desirable to conduct a systematic review.

The main disadvantage of the evaluation of the articles of this work is the high heterogeneity of
the confounding factors collected as the different materials, lengths, diameters, or dynamic loading
conditions. There is no homogeneity in the design criteria established by each study in this regard.
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With the objective of obtaining more clinically relevant information, future studies should
incorporate and analyze the same parameters. Otherwise, there heterogeneity will continue creating
doubt in the scientific literature in the field of dentistry [2]. Therefore and, in view of the
results obtained in this systematic review, future in vitro analysis should have the same implants
dimensions (diameter and length) and cyclic loading conditions (number of cycles, magnitude of
force, angle, and medium). The no homogeneity found in these studies contribute to realize that it is
necessary to standardize the criteria for carrying out the studies in order to make more concise and
reliable comparisons.

Some studies [39,45,46,48,49] use ISO 14801 [24] which specifies the conditions that each type of
implant must support to obtain certification. However, these conditions indicate that they should
exceed a minimum number of cycles but say nothing about how to conduct experimental studies of
implants that are already on the market, and therefore have already been certified.

In systematic reviews, a qualitative analysis of the included studies is required. This is done
through the risk assessment of bias. This ensures that the data collected and analyzed have been
managed in a controlled manner, avoiding all possible methodological errors in clinical trials.
When the data are homogeneous, in addition, a quantitative analysis can be carried out, through
meta-analysis [31].

This means that each study conditions to decide which subjects its implants, without any specific
criteria, which makes it very difficult to know which of the implants have better mechanical behavior
under certain conditions. This fact is evident in Tables 3 and 4 in which it is possible to observe the
great variety of conditions used in the articles included in this review.

We used the Cochrane Handbook tool to assess the risk of bias in the studies, noting that in
most domains, no data are given that give transparency to the studies. Generally, the criteria for
randomization and allocation masking, and blinding of staff and data assessors are not indicated.
Together with these detected defects and under recommendations some authors [70] in vitro studies
should be treated to promote the quality of the tests: simple size calculation, meaningful difference
between groups, sample preparation and handling, allocation sequence, randomization and blinding,
statistical analysis.

The heterogeneity of data available in the scientific literature does not allow a meta-analysis
in the field of in vitro fatigue and fracture of dental implants. As in the design of clinical trials in
humans with the CONSORT (Consolidated Standards of Reporting Trials) guidelines [71], we consider
it advisable to follow guidelines for in vitro studies such as the CRIS (Checklist for Reporting in vitro
Studies) guidelines [70]. Also, define the criteria and conditions of applied loads (magnitude, angle,
frequency, cycles . . . ) and are contained in an ISO standard.

Nevertheless, we have found, in the present review that the internal connections [42,44], and
those based on the morse taper system [34,39,49,72] show a better performance against resistance
to fracture in the dental implant compared to the external connection [34,48]. Moreover, the results
revealed that the implant and the abutment have better behavior if both materials are the same.

In addition, these studies assessed a range of materials, but the most frequently used materials
are still in order of use, titanium and zirconium, with a behavior similar to fatigue.

5. Conclusions

The limitations found in this review do not allow us to report consistent evidence. The results
suggest that the internal and morse connections are the best for resisting the fracture of the dental
implants and the most commonly used materials are titanium and zirconium. However, it is necessary
to unify criteria in the methodological design of this type of in vitro studies.
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Abstract: New metastable β titanium alloys are receiving increasing attention due to their excellent
biomechanical properties and machinability is critical to their uptake. In this study, machining chip
microstructure has been investigated to gain an understanding of strain and temperature fields
during cutting. For higher cutting speeds, ≥60 m/min, the chips have segmented morphologies
characterised by a serrated appearance. High levels of strain in the primary shear zone promote
formation of expanded shear band regions between segments which exhibit intensive refinement
of the β phase down to grain sizes below 100 nm. The presence of both α and β phases across
the expanded shear band suggests that temperatures during cutting are in the range of 400–600 ◦C.
For the secondary shear zone, very large strains at the cutting interface result in heavily refined and
approximately equiaxed nanocrystalline β grains with sizes around 20–50 nm, while further from the
interface the β grains become highly elongated in the shear direction. An absence of the α phase in
the region immediately adjacent to the cutting interface indicates recrystallization during cutting and
temperatures in excess of the 720 ◦C β transus temperature.

Keywords: machining; titanium; temperature; strain; grain refinement; ultrafine; nanocrystalline

1. Introduction

β titanium alloys possess high strength to weight, excellent toughness, corrosion resistance and
biocompatibility and so have excellent potential for a wide range of biomedical applications [1]. In the
last decade, there has been significant focus on the development of a variety of new metastable β

titanium alloys with lower Young’s moduli approaching that of human bone. These alloys employ
various combinations of elements to stabilise the body-centred cubic β titanium phase and can exhibit
both shape memory and pseudoelastic behaviours [2,3]. A metastable Ti-Nb based β titanium alloy
(Ti-25Nb-3Mo-3Zr-2Sn wt.%) with excellent mechanical and biological compatibility has recently been
the subject of extensive research and development by the authors [4–6].

Biomedical components manufactured from titanium alloys typically require machining to achieve
their required form, size and surface finish. However, machining can be problematic, particularly
at high speeds, due to issues with build-up of heat at the cutting zone associated with titanium’s
relatively low thermal conductivity and high levels of chemical affinity which lead to reaction with
and ‘sticking’ to the cutting tool materials [7,8]. Typically, more than 70% of the heat generated during
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machining is delivered to the cutting tool, intensifying the degree of chemical interaction between the
tool and workpiece [9,10]. For these reasons, most titanium alloys are considered difficult to machine
and much of the fabrication cost for geometrically complex components may be due to machining.
Hence, there is a strong incentive to better understand the machining process to improve material
removal for these alloys. A further driver to study these processes comes from observations that
the plastic deformation which takes place at the cutting interface can also significantly influence cell
viability and adhesion on metallic implant materials [11].

Previously, Rashid et al. studied the machinability of the Ti-25Nb-3Mo-3Zr-2Sn alloy including
cutting forces, temperatures and macroscopic chip characteristics [12,13]. For the solution treated
and aged Ti-25Nb-3Mo-3Zr-2Sn alloy, the main cutting force decreases from around 600 N at low
cutting speeds to around 430 N for speeds above 30 m/min, remaining constant at this level for
speeds up to almost 200 m/min. Measurements of the external chip surface temperatures in the
cutting zone using infrared thermography revealed that the temperatures are ≤300 ◦C for low surface
cutting speeds (below 10 m/min), increasing markedly to more than 700 ◦C for high surface cutting
speeds approaching 200 m/min [12]. The machining chips transition from a continuous form at low
cutting speeds to a segmented saw-tooth morphology for surface cutting speeds ≥60 m/min [13].
The frequency of shear regions between individual sawtooth segments is associated with significant
fluctuations in component forces during machining which exacerbate tool wear.

The shear regions between the sawtooth segments are subject to localised, high strain rate,
severe plastic deformation at elevated temperatures. Due to the relatively small chip mass, the metal
is effectively quenched as it leaves the cutting zone, preserving the as-machined microstructures.
The extreme deformation conditions may result in the formation of nano-crystalline and/or
ultrafine-grain microstructures of interest from the perspective of improving fundamental knowledge
of severe plastic deformation processes and their associated microstructures, as well as understanding
the cutting process. Schneider et al. used focussed ion beam (FIB) specimens from machining chips in
conjunction with transmission electron microscopy (TEM) to study the fine microstructural features
within the secondary deformation zone from cutting of the α + β, Ti-6Al-4V (wt.%) alloy [14]. A layered
microstructure with fine grains near the cutting interface transitioning to coarse grains toward the free
surface was observed. A 10 nm thick recrystallised layer was present at the cutting interface which
adjoined a 20 nm thick amorphous layer. To the best of the author’s knowledge, similar high level
characterisation of the fine scale deformation features formed during machining of the increasingly
important β titanium class of alloys has not yet been undertaken.

Recently, the deformation behaviours of the Ti-25Nb-3Mo-3Zr-2Sn (wt.%) alloy under high
strain rates (≈1000 s−1), in the order of those encountered in machining, were studied using Split
Hopkinson Pressure Bar testing [15]. High strain rates alone did not significantly alter the deformation
mechanisms from those occurring under quasistatic strain conditions which involve twinning ({332}
<113> and {112} <111> twinning systems) as well as stress induced formation of the α′ ′ and ω

phases. The strain hardening behaviour of the alloy was also strain rate insensitive under these
conditions due to limited adiabatic heating. However, at elevated deformation temperatures (≥300 ◦C),
the preferred deformation mechanism shifts to dislocation slip due to an increased relative stability
of the β phase promoting textural changes in the β grain orientation to those favouring slip, i.e.,
the <001> and <111> fibre textures [16]. At elevated temperatures the yield stress also significantly
reduces due to the cessation of mechanical twinning in association with significant thermal softening.
These observations can inform the interpretation of the deformation processes taking place in the chips
during machining of the Ti-25Nb-3Mo-3Zr-2Sn alloy. Hence, the aim of this study is to investigate
deformation microstructures preserved in the machining chips and to relate these to the strain and
temperature fields present during machining. This will assist to better predict, model and optimize
machining operations involving β titanium biomedical alloys.
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2. Materials and Methods

The investigated alloy has a nominal alloy composition of Ti-25Nb-3Mo-3Zr-2Sn (wt.%). A 25
kg ingot was produced by alloying commercially pure Ti sponge (99.5 wt.% purity), pure Zr bars
(99.7 wt.%), pure Sn bars (99.9 wt.%), pure Mo powder (99.8 wt.%) and an intermediate Nb-47 wt.% Ti
alloy. The alloy was melted twice by non-consumable arc melting to ensure chemical homogeneity
and low levels of impurities. The ingots were forged and then hot rolled to produce cylindrical bars 33
mm in diameter. The bars were solution treated at 750 ◦C followed by air cooling and ageing at 450 ◦C
for 2 h followed by air cooling.

The machining operation was performed on 3.5 hp Hafco Metal Master lathe (Brisbane, QLD,
Australia), Model AL540. A carbide tool CNMX1204A2-SMH13A provided by Sandvik with +15◦ rake
angle, −6◦ inclination angle and entry angle of 45◦ was used to machine the Ti-25Nb-3Mo-3Zr-2Sn
alloy under dry machining conditions. The machining operation took place under a constant feed rate
of 0.19 mm/rev and a constant depth of cut of 1 mm. Microstructural examination was performed on
machining chips from cutting with surface cutting speeds around 90 m/min.

The machining chips were mounted and polished with the width direction of the chip
perpendicular to the polished surface to reveal the serrated chip cross-section. The chips were
etched with Kroll’s reagent for observation with scanning electron microscopy (SEM) performed on
a JEOL 6460 instrument (Sydney, Australia) equipped with backscatter detector. Hardness testing was
conducted on polished specimens using a Struers Vickers microhardness tester (Brisbane, Australia).
X-ray diffraction (XRD) was conducted using a Bruker D8 Advance X-ray Diffractometer (Melbourne,
Australia) operated at 40 KV and 30 mA, equipped with a graphite monochromator, a Ni-filtered Cu
Kα (λ = 1.5406 nm) source and a scintillation counter. Specimens for transmission electron microscopy
(TEM) were prepared from transverse mounted sections of the machining chips by dual focused
ion beam (FIB) milling using a Zeiss Auriga FIB-SEM (Adelaide, Australia). Sections approximately
100 nm in thickness were milled using a Ga+ beam with typical dimensions of 5 μm × 12 μm. The
sections were attached to a C-section copper grid. The TEM was performed using a Philips Tecnai 20
FEG instrument (Brisbane, Australia).

3. Results

3.1. Workpiece Material

The solution treated and aged Ti-25Nb-3Mo-3Zr-2Sn alloy shown in Figure 1a with XRD phase
analysis in b consists of β grains with grain sizes in the order of 50 μm and lath shaped α precipitates
(the dark phase in the SEM image) located primarily around the grain boundaries and protruding into
the β grains. Some α laths are also present within the interior of the β grains. The solution treated and
aged alloy has a hardness of 265 ± 5 HV, an ultimate tensile strength of approximately 800 MPa with
typical tensile elongation of around 8% [12].

111



Metals 2018, 8, 710

Figure 1. Scanning electron microscopy (SEM) image (a) and X-ray diffraction (XRD) spectrum (b)
from the solution treated and aged workpiece material.

3.2. Machining Chip Characteristics

Cross-sections of Ti-25Nb-3Mo-3Zr-2Sn chips produced for cutting surface speeds of
approximately 90 m/min are shown in Figure 2. Within this cutting regime the chips have segmented
morphologies characterised by a serrated appearance with bands of severe plastic deformation, referred
to herewith as expanded shear band regions, with more limited deformation in adjoining regions.
According to previous research by the authors’, at these cutting speeds the undeformed chip surface
length, i.e., the distance between the regions of severe deformation measured from the top surface of
the chip, are approximately 0.08 mm while the average chip thickness is approximately 0.15 mm and
the chip roughness ratio is around 0.2 [12,13].

The expanded shear band regions between the sawtooth chips feature extensive deformation as
indicated in Figure 2a, while the regions outside these bands are subject to more limited deformation
and the original β grain structure of the workpiece material remains discernable, examples of which are
indicated in Figure 2b. Typical microhardness values measured from within the expanded shear band
regions were 398 ± 15 HV, while adjoining regions with more limited deformation had hardness of
around 292 ± 8 HV which is still substantially harder than the initial starting material (265 ± 5 HV). As
is also the case for formation of continuous chips, during formation of segmented chips deformation of
the material occurs ahead of the tool in the region referred to as the primary shear zone. The transition
from continuous to segmented chip morphologies, featuring thermoplastic instability-induced shear
banding, emerges once the smooth chip flow becomes insufficient to dissipate the energy through
homogeneous plastic flow [17]. The other significant area of deformation in the chip is the secondary
shear zone shown in Figure 2c, which is the region adjoining the tool rake face during cutting. Hardness
measurements from within the secondary shear zone were around 363 ± 8 HV. However, it should be
noted that the measurements were approximately 20 μm from the outer edge of the chip which was as
near to the cutting interface as could be reliably tested through microhardness measurements.

To gain a higher level understanding of the deformation microstructures formed during
machining, TEM investigations were undertaken on samples from the expanded shear band regions
formed in the primary deformation zone and from the secondary shear zone, shown in Figures 3
and 4, respectively.
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Figure 2. SEM of machining chip microstructure for surface cutting speed around 90 m/min: (a) Low
magnification image of segmented chip morphology. (b) Undeformed chip region with original β grain
structure of the workpiece material with in-tact β grains highlighted. (c) Higher magnification image
of the secondary shear zone which adjoins the tool rake face during cutting.

3.3. Transmission Electron Microscopy (TEM) Analysis of Expanded Shear Band Region

A montage of bright field (BF) TEM images showing the typical microstructure within the
expanded shear band region is presented in Figure 3a and a selected area diffraction pattern (SADP)
from this region is included inset. They reveal that the microstructure in the bands is highly refined,
consisting of fine elongated β grains as the matrix phase interspersed with lath-like α precipitates
(lighter contrast). The SAPD, indexed to the β and α phases, exhibits a continuous ring pattern
characteristic of very fine and randomly oriented grains with large grain boundary misorientations.
There is a gradient of deformation from the highly refined, smaller grains at the centre to more
coarse grains at the left and right extremities. Some individual β grains can be identified (arrowed in
Figure 3a) due to dark strain contrast arising from high levels of dislocation activity. The arrowed β

grains reveal the progression of refinement from the extremities to the interior. The β grains at the
extremities have a diamond-like shape with grain sizes in the order of 400–500 nm with α phase laths
often sitting along their diagonal boundaries. Closer to the heavily refined central region, the β grains
transition to an elongated form with grains around 20–50 nm in width and 300–400 nm in length,
while the α laths with their long axis closely aligned to the length-wise axis of the β grains are 5–10 nm
in width and 300–400 nm in length. In the most highly refined region, the β grain size is less than
100 nm.

Higher magnification BF and corresponding hollow cone dark field (HCDF) images from this
highly refined region are presented in Figure 3b,c, respectively. They further reveal the fine β grains
with considerable internal deformation structure as well as the lath-like α phase. A high magnification
BF image showing the coarse diamond shaped β grains at the extremities of the deformation region is
shown in Figure 3d.
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Figure 3. Transmission electron microscopy (TEM) from the expanded shear band region: (a) Montage
of bright field (BF) images with selected area diffraction pattern (SADP) inset indexed to the β and α

phases. (b) BF image and (c) corresponding hollow cone dark field (HCDF) image from the red dashed
region in (a) formed from β (110) and α (100), (002), (101) diffraction rings. (d) Higher magnification
BF image from the blue dashed region in (a).

3.4. TEM Analysis of Secondary Shear Zone

A series of TEM images from the secondary shear zone are presented in Figure 4. They reveal the
chip microstructure in the region immediately adjacent to the rake face (a), i.e., at the chip extremity,
and then moving incrementally into the chip interior, (b) and (c).

Figure 4a shows a BF TEM image with SADP inset and corresponding HCDF image from the
region immediately adjacent to the rake face. The SADP exhibits a continuous ring pattern characteristic
of very fine and randomly oriented grains with reflections from the β phase only. The BF image reveals
a gradient of deformation from left to right from fine equiaxed grains immediately adjacent to the
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cutting interface at the left with grain sizes around 30–50 nm to more elongated grains 50 to 100 nm
in width and several hundreds of nm in length at the right further from the cutting interface. A BF
TEM image showing the significantly elongated β grains formed further from the cutting interface
(approximately 1–2 μm) and a corresponding HCDF formed from the β (110) diffraction ring are
shown in Figure 4b. Figure 4c reveals the microstructure in the secondary shear zone 5–10 μm from the
cutting interface becomes less refined and consists of significantly larger, elongated β grains with long
lath-like α precipitates (lighter contrast). Again, some β grains exhibit dark contrast arising from high
levels of dislocation activity within their interiors. The SAPD from this region exhibits a discontinuous
ring pattern indicative of a less refined structure with reflections from both the β and α phases.

Figure 4. Series of TEM images from the secondary shear zone region immediately adjacent to the rake
face (a), i.e., the chip extremity, and incrementally further into the chip interior (b,c). (a) BF image with
SADP inset showing reflections almost entirely from the β phase and corresponding HCDF image
formed from the β (110) diffraction ring. (b) BF image and corresponding HCDF image formed from
β (110) diffraction ring. (c) Montage of BF images with SADP inset with reflections from the β and
α phases.

4. Discussion

The TEM characterisation revealed important details of the machining chip microstructures
which are linked to the deformation processes taking place in the chips during machining of the
Ti-25Nb-3Mo-3Zr-2Sn alloy. Significant differences were identified between the expanded shear bands
regions and the secondary shear zone which are discussed in respect to the influence of strain, heat
generation and temperatures encountered during cutting.

High levels of deformation in the expanded shear bands formed within the primary deformation
zone promote extensive localised refinement of the β phase to almost equiaxed grains with sizes
below 100 nm. Additionally, α phase laths frequently occupy the β grain boundaries, aligned to the
shear direction. This grain refinement consequently led to an approximate 50% increase in hardness
from that of the starting material, primarily due to locally enhanced Hall-Petch strengthening [18].
In regions adjacent to the fine equiaxed zone, there is a transition to firstly larger elongated β grains,
which according to the work of Zhan et al. [16] can be inferred to be the <001> and <111> fibre
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textures, with α laths aligned to the shear direction, and then to larger diamond shaped β grains with
α phase often located on their diagonal axes. Across the entire width of the expanded shear band
region, this variation in refinement suggests a cyclic process of formation such that the expanded shear
band consists of an accumulation of individual localised shear events. The presence of both β and
α phases across the entire expanded shear band region indicates that temperatures associated with
adiabatic heating during cutting do not exceed the β transus temperature of around 720 ◦C for the
Ti-25Nb-3Mo-3Zr-2Sn alloy [19]. The high density of α phase laths in this region suggest that dynamic
precipitation may also take place in conjunction with the deformation. This suggests that temperatures
during cutting are likely in the range of 400–600 ◦C [20].

Shear localisations are often observed in titanium alloys subject to dynamic loading associated
with their low heat conductivity and high adiabatic shearing sensitivity [21]. Chip formation occurs by
concentrated shear within the deformation band and the microstructural refinement is attributed
to the large shear strains imposed. The formation of the shear regions is linked to substantial
reductions in the yield stress which occur during cutting due to substantial thermal softening of
the Ti-25Nb-3Mo-3Zr-2Sn alloy at elevated temperatures [16]. Under the momentum diffusion-based
shear band evolution model, a highly localised primary shear band forms at the centre of the
primary deformation zone and large deformation occurs inside the shear band as the localised shear
deformation proceeds [22]. Subsequent thermal softening enables relaxation of the stress within the
shear band and the stress relaxation further propagates into the surrounding undisturbed material
giving rise to momentum diffusion and broadening of the deformation region as the expanded shear
band regions evolve.

In comparison to the highly localised shear bands observed in cutting of other
titanium alloys [23–26], the expanded shear band regions observed for the Ti-25Nb-3Mo-3Zr-2Sn
alloy are relatively diffuse. Under the current cutting conditions, for the Ti-25Nb-3Mo-3Zr-2Sn alloy
these zones are around 100 μm in width and of a similar magnitude to that of the regions with more
limited deformation. An increase in hardness of around 10% from the starting material in regions
between the expanded shear bands indicates that deformation in the primary shear zone is not entirely
confined to the expanded shear band regions. Additionally, increased temperatures during cutting
may also promote further α phase precipitation in these regions of more limited deformation which
would also increase hardness.

For the secondary shear zone, strains at the cutting interface can be very large (>5) [27], typically
leading to formation of ultrafine and/or nanocrystalline grain structures. The level of strain and hence
refinement decays with increasing distance from the cutting interface across the secondary shear zone,
which is in the order of 15–20 μm in width for the Ti-25Nb-3Mo-3Zr-2Sn alloy. At the cutting interface
the β grains are heavily refined and approximately equiaxed with very fine nanocrystalline grain sizes
around 20–50 nm while further from the interface, approximately 1–2 μm, the β grains become highly
elongated in the shear direction with grains in the order of 100 nm in width and 0.5 to 1 μm in length.
Again it can be inferred that the elongated grains are aligned to the <001> and <111> fibre textures [16].
An absence of the α phase in the equiaxed and elongated β grain regions of the secondary shear zone
indicates that recrystallization takes place during cutting and temperatures are in excess of the alloy’s
720 ◦C β transus temperature while subsequent rates of cooling are sufficiently high to preserve the
single phase β microstructure. At 5–10 μm from the cutting interface a mixture of larger elongated β

grains and long α laths are observed and the hardness is enhanced by more than 30% over that of the
starting material. This can be attributed to the effects of significant β phase refinement resulting from
deformation during cutting which enhances Hall-Petch strengthening as well as dynamic precipitation
taking place due to the elevated temperatures during cutting. The α laths tend to have thinner, longer
morphologies than those observed within the expanded shear band region which is potentially due to
the influence of comparatively higher temperatures and strains in this region, which favour growth of
precipitates over nucleation through dynamic precipitation effects.
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As the temperature and intensity of strain decrease across the secondary shear zone as a function
of the distance from the cutting interface, the microstructures observed reflect their differing
thermomechanical histories. The variations observed in the microstructure across the secondary
deformation zone for the Ti-25Nb-3Mo-3Zr-2Sn alloy are largely consistent with those reported for
adiabatic shear bands formed in titanium alloys [21,28,29] involving a progression to finer, more
equiaxed grains in the region of most intense deformation, in this case at the cutting interface [14].

Previously, Rashid et al. [12] used infrared thermography to measure the maximum temperatures
at the back surface of the chips in the cutting region during machining of the Ti-25Nb-3Mo-3Zr-2Sn alloy.
They reported the average temperatures to be 540–600 ◦C for surface cutting speeds of 80–100 m/min
for the solution treated and aged alloy. However, as the cutting edge was covered by the chip,
the temperatures reported were those from the cutting zone at the external surface of the chip, i.e., on
the opposite side to the cutting interface. Therefore, the actual temperature at the interface between
the cutting face of the tool and the chip may be substantially higher than those reported. Additionally,
infrared thermography temperature measurements are acknowledged to be subject to substantial
error [30,31] and temperatures in the cutting zone are far from uniform, being typically characterised
by regions of high temperature gradient [32,33]. The microstructural characterisation of the chips
gives some insight into the degree of these temperature gradients for machining of the solution
treated and aged Ti-25Nb-3Mo-3Zr-2Sn alloy. For the chip, the significant sources of heat are in the
primary deformation zone due to plastic work associated with shear and in the secondary deformation
zone due to work done in deformation of the chip and in association with sliding friction at the
tool-chip interface.

Based on the assumption that all mechanical work is converted to heat, the cutting forces can be
applied to estimate heat generation during cutting. In this case, the heat generated in the primary
deformation zone, Qs, can be calculated from [32]:

Qs = Wc = FV·V (1)

where FV is the tangential cutting force and V is the cutting velocity.
The amount of heat generated due to work done in the secondary deformation zone along the

tool rake face is calculated from the frictional energy given by:

Qr =
Ffr·V

λ
(2)

where Ffr is the total shear force acting on the rake face and λ is the chip thickness ratio. The shear
force can be calculated from:

Ffr = FV sin(α) + FS cos(α) (3)

where FS is the feed force and α is the rake angle. An estimate of the heat generated in the primary
and secondary deformation zone made from the above equations using the cutting forces reported
by Rashid et.al. [12] with a tangential cutting force, FV = 450 N, a feed force, FS = 240 N, a cutting
velocity, V = 90 m/min, a chip thickness ratio, λ = 0.19 mm

0.15 mm and a rake angle α = 9◦.yields heat
generation of approximately 40 kW in the primary deformation zone and 22 kW in the secondary
shear zone. From this analysis, the heat generated in the secondary shear zone for cutting of the
Ti-25Nb-3Mo-3Zr-2Sn alloy is proportionately quite high at around 55% of that in the primary
deformation zone. For context, Tay et al. observe that typically the total heat generation due to
plastic deformation and frictional sliding in the secondary deformation zone for continuous chips from
a non-abrasive material at medium cutting speeds is around 20% to 30% of the heat generated in the
primary cutting zone [34].

While cutting heat is removed by the chip, the tool, the workpiece and some of the heat generated
at the shear plane (primary shear zone) is transferred to the tool-chip interface. Hence, the temperature
in the chip in the region adjacent to the tool rake face rises due to the combination of heat from
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the primary and secondary shear zones. Predictions of the temperature fields in the chip on the
basis of heat generation are complex and have been the subject of various analytical and numerical
investigations involving modelling of heat conduction, kinematics, geometries and energy aspects of
the machining process. Others have attempted to measure temperature both at the cutting interface
zone and across the chip, tool and workpiece through the methods including embedded thermocouples,
radiation pyrometers and metallographic techniques [32,33]. In general, the highest temperatures are
reportedly near the tool-chip interface in the secondary deformation zone. This is consistent with the
microstructural analysis of the Ti-25Nb-3Mo-3Zr-2Sn alloy chips which indicated that temperatures in
this region were in excess of 720 ◦C during cutting.

5. Conclusions

Ultrafine grain microstructures formed by severe plastic deformation during machining of the
solution treated and aged Ti-25Nb-3Mo-3Zr-2Sn biomedical β titanium alloy have been investigated
by TEM analyses of specimens obtained by FIB from transverse section of chips. The investigations
have revealed that:

1. High levels of deformation in the primary shear zone promote extensive refinement of the β

phase within expanded shear band regions approximately 100 μm in width to almost equiaxed
grains with sizes below 100 nm in regions of intense deformation, while α phase laths frequently
occupy the grain boundaries aligned to the shear direction. There is a transition to firstly
elongated β grains and then to larger diamond-shaped β grains in adjoining regions of less
intense deformation. The presence of a high density of α phase laths across the entire expanded
shear band region suggests that temperatures in this region are likely in the range of 400–600 ◦C
during cutting.

2. For the secondary shear zone, large strains at the cutting interface result in recrystallised,
approximately equiaxed grains with nanocrystalline grain sizes around 20–50 nm, while further
(1–2 μm) from the interface the β grains become highly elongated in the shear direction with
grains in the order of 100 nm in width and 0.5 to 1 μm in length. At the cutting interface,
an absence of the α phase indicates that the temperatures exceed the alloy’s 720 ◦C β transus
temperature. At 5–10 μm, from the cutting interface a mixture of large elongated β grains and
long α phase laths are observed. The microstructural variation across the secondary shear zone
reflects the decay of strain and temperature away from the cutting interface.

3. The microstructural characterisation of the chips infers information on the temperature fields
present across the chips during cutting. The highest cutting temperatures occur within the
secondary shear zone at the cutting interface, associated with proportionately high levels of heat
generation due to deformation and friction.
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Abstract: Ti6Al4V titanium alloy is considered a biocompatible material, suitable to be used for
manufacturing medical devices, particularly cranioplasty plates. Several methods for processing
titanium alloys are reported in the literature, each one presenting both advantages and drawbacks.
A decision-making method based upon AHP (analytic hierarchy process) was used in this paper for
choosing the most recommended manufacturing process among some alternatives. The result of
AHP indicated that single-point incremental forming (SPIF) at room temperature could be considered
the best approach when manufacturing medical devices. However, Ti6Al4V titanium alloy is known
as a low-plasticity material when subjected to plastic deformation at room temperature, so special
measures had to be taken. The experimental results of processing parts from Ti6Al4V titanium alloy
by means of SPIF and technological aspects are considered.

Keywords: single-point incremental forming; AHP; cranioplasty plates; decision-making; titanium
alloys; medical devices

1. Introduction

Titanium alloys are considered eligible materials for biomedical applications (implants and
prosthetic devices) due to their biocompatibility. The work presented in [1] provides a comprehensive
analysis regarding the main types of titanium alloys used in biomedical applications, as well as
their advantages and main drawbacks. A review regarding the titanium alloys seen as the best
solution for orthopedic implants is presented in [2], where also the main requirements for a material
to be considered a biomaterial are introduced. One of the requirements for this is biocompatibility,
which according to [3] is measured by how the human body reacts to the device made of this material
when it is implanted. In this work, hip and knee implants are defined as the main orthopedic implants.
Both studies presented in [1] and [2] mention Ti6Al4V alloy as one of the titanium alloys; it was initially
developed for the aeronautical industry, but can be successfully used for biomedical applications.

Cranioplasty is another main field where titanium alloys may be used due to their biocompatibility.
A detailed review about the techniques and materials used in cranioplasty is presented in [4]. Titanium
is considered one of the suitable materials, being biocompatible but hard to shape. Another review [5]
also indicated titanium alloys as one the materials of choice for cranioplasty plates.

The work presented in [6] reported the successful use of 300 plates of titanium for cranioplasty.
The requested shape of the cranioplasty plate was determined either by a traditional technique or
by means of computer tomographic scans. Finally, the plates were shaped by pressing them against
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a counter-die, which could be considered a plastic deformation process. A comprehensive study
presented in [7] confirmed titanium alloys as one of the recommended materials for cranioplasty
plates, but also highlighted the fact that complications occurred in 29% out of 127 cases. However,
the recommendations were to strengthen the prophylaxis measures against infections, rather than
replacing titanium as the material for cranioplasty plates. The research was not focused upon the
method of manufacturing titanium cranioplasty plates.

Another study reporting the use of titanium plates for cranioplasty was presented in [8]. The work
was towards using CAD (computer aided design)/CAM (computer aided manufacturing) methods
for manufacturing the plates. A rapid prototyping method based upon fine casting was used and it
was reported as having several advantages compared with a traditional milling process.

Titanium alloys were considered the best choice for cranioplasty of large skull defects, according
to the results presented in [9]. The study was based upon long-term observations of 26 patients and
emphasized the fact that none of the titanium plates implanted had to be removed. Even if the study
mentioned CAD/CAM techniques for manufacturing cranioplasty plates, these techniques were not
described in detail, and were mostly oriented on the generation of the requested shape of the plate
using computer tomography, rather than presenting how the plates were manufactured.

The approaches regarding the methods of manufacturing the titanium plates for cranioplasty
are very diversified. The study presented in [10] emphasized the advantages of a manual approach
(the shape of the plate was obtained by pressing the titanium sheet against a template model using
a manual press), while in [11] the shape of the plate was obtained by means of multiforming, a method
which requires very complex technological equipment with a high degree of automatization.

Thus, it can be concluded that titanium alloys are suited for manufacturing cranioplasty plates
and there is no consecrated technological approach, either manual or automated, for that. Finding
a suitable method for manufacturing the plates was one of the objectives of this work and it involves,
in the first stage, a review of the main methods of manufacturing parts from titanium alloys.

The work presented in [12] emphasizes the effects of machining Ti6Al4V alloy by means of cutting,
using tools made of straight-grade cemented carbide. Microstructure alterations were reported and,
moreover, the reported surface roughness falls into the rough machining category. Consequently,
cutting processes may not be the recommended solution when machining biomedical devices from
titanium alloys.

Usually, the titanium alloys are also low-plasticity materials, so processing them by means of
plastic deformation is also difficult. Single-point incremental forming (SPIF) is one of the manufacturing
processes used for processing titanium alloys to overcome the drawback introduced by the low
plasticity of these materials, which prevents their processing by other plastic deformation processes.
A schematic diagram of the SPIF process is presented in Figure 1, where the sheet metal workpiece (2)
is fixed by means of the retaining plate (3) and active plate (backing plate) (1). The punch (4) is moving
in the vertical direction, along the Z axis, while the assembly formed by (1)–(3) executes a movement in
the XY plane. By combining these movements, various trajectories can be achieved and, subsequently,
different shapes of the sheet metal final part.

Literature reviews regarding the SPIF process are presented in [13], which covers the results
obtained before 2005, and most recently in [14], which synthesizes the research results reported between
2005 and 2015. The influence of various SPIF process parameters upon the results is synthesized in [15].
It is here noticeable the fact that the maximum achievable angle for a truncated cone part made of
Ti6Al4V alloy processed by SPIF using a 10 mm diameter punch reported in [14] was 32◦, the lowest
one compared with all materials processed by means of SPIF. For comparison, for similar geometry
and tool but for DC04 steel and AA 5754 (AlMg3) aluminum alloy, the reported maximum wall angles
were 64◦ and 71◦, respectively. These results stress the fact that special measures must be taken when
unfolding the SPIF process using titanium alloys as workpieces.
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Figure 1. Schematic diagram of asymmetric single-point incremental forming (SPIF).

A comprehensive study about machining commercially pure titanium (CP Ti) by means of
incremental forming is presented in [16]. The experiments have proven that by a proper selection of
tool (diameter, material) and lubricant (type and lubrication method), wall angles up to 65◦ can be
achieved for CP Ti. Certain values for the ratio between tool diameter (d) and processing pitch (p)
were recommended (d/p ≤ 40) for better results with regards to surface quality.

High feed rates and rotation speeds were tested for parts processed by SPIF and promising results
were presented in [17], but the experiments took place on aluminum alloys. Moreover, high feed rates
were used for reducing the processing time, in contrast with the results shown in [18], which indicated
that formability is inversely proportional with the feed rate. Another experimental study using
aluminum alloys for the test parts presented in [19] indicated that the use of high rotation speeds
for the forming tools can improve the formability by lowering the forming force. On the other hand,
the surface roughness is improved by using the punch rotation, while the rotating speed does not
influence it. In [20], Titanium grade 2 and Ti6Al4V were machined on a CNC (computer numerically
controlled) lathe using high feed rates. The results have shown that high-speed SPIF does not adversely
affect the microstructure of the materials. However, the study was not focused upon the formability,
and the geometrical shape of the part was a cone frustum with a wall angle of 25◦ (for the Ti6Al4V),
which was considered by the authors as safe from this point of view.

A new technique of SPIF which involves the heating of the machined workpiece was proposed
in [21]. Sheet metal workpieces made of AZ31 magnesium and TiAl2Mn1.5, both with low formability
at room temperature, were processed. The parts were heated using direct current (DC) with values
between 300 and 600 A, and good results were reported for machining symmetrical parts (cone
frustum) from a formability point of view. However, because the method is subject to a patent it was
not clearly described how the temperature was controlled and, moreover, how the heat did affect the
microstructure of the materials, which is very important when considering the biocompatibility.
Another work, presented in [22], used also heat supplied by means of DC to machine several
materials including Ti6Al4V by means of SPIF. The studies have reported an increase in the formability
(a maximum wall angle of 35◦ for the cone frustum part made of Ti6Al4V), but also microstructure
alterations in the form of different grain distributions were observed. The roughness of the machined
part also increased with the increase of the wall angle. Another approach, presented in [23], combined
the local heating with high tool speed to machine a car body element made of Ti6Al4V alloy by means
of SPIF. The studies have indicated that at 400 ◦C, the formability of the parts increases, while the
normal anisotropy was not influenced by the temperature.

Local heating of the workpiece by a laser beam system, coaxial with the punch, integrated
in the main spindle system of the CNC machine-tool used for the SPIF process, was presented
in [24]. The path for the laser beam was calculated by taking into consideration the part geometry.
Improvements with regards to formability were reported on parts made of Ti6Al4V alloy, where the
maximum machining depths were higher than those obtained at room temperature. No references
were made with regards to temperature measurement and control or the influence of the heat upon
the microstructure of the machined materials. Another method for applying heat on parts machined
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by SPIF was presented in [25], where friction obtained by tool rotation was used. At speeds between
2000 and 7000 rpm, the heat generated by friction improved the formability of the parts, but as pointed
out by the authors it is not only due to material softening, but also to recrystallization. However,
the material used for this research was AA5052-H32 aluminum alloy, so no information about using
frictional heat for machining titanium alloys by means of SPIF was available.

A master–slave tool layout for double-side incremental forming (DSIF) combined with electrically
assisted heating was presented in [26]. Good results were reported in processing lightweight materials
(AZ31B magnesium alloy) with regards to surface quality and maximum wall angle for truncated cone
parts and a new type of hybrid toolpath lead to better geometric accuracy. However, the machining
layout for DSIF, which must be custom-built, and the necessity to control and synchronize the toolpaths
of the master and slave tools could lead to very high machining costs in contrast to the real value of
the machined parts.

With regards to the influence of high temperatures applied during manufacture processes upon
the biocompatibility of titanium alloys, there are still many opinions. The biocompatibility of these
materials is related to the spontaneous formation of a passive oxide layer at room temperature,
which is reported to reduce oxygen diffusion and further oxidation at lower temperatures [27–29].
However, at higher temperatures the situation is changing. The works presented in [30–32] consider
that oxidation at high temperatures limits the applications of these kind of alloys. In [30] is stated
the fact that diffusion of oxygen at temperatures above 400 ◦C leads to the development of a hard
and brittle oxygen diffusion zone which leads to a loss of tensile ductility and of fatigue resistance,
reducing the life expectancy of titanium alloys. Above 600 ◦C, a thick and defective oxide layer is
formed, facilitating the penetration of oxygen into the material [30]. Aluminum was found to diffuse
outwards through the oxide layer in the later oxidation stage [33]. A study reported in [29] stated that
the presence of aluminum in outer layers of Ti6Al4V alloy may hinder osteointegration (bone bonding
to the implant) when used as an implant material. Also, aluminum is known to cause neurological
disorders [34].

However, a controlled oxidation process called “thermal oxidation” at high temperature is also
seen as a promising technique to improve protection against friction and wear [30,32,35–37].

There are also arguments which support the fact that forming titanium alloys at high temperature
does not affect their compatibility. Promising results regarding the manufacturing of cranioplasty
plates by SPIF with material heating were presented in [38]. The workpiece was heated at 650 ◦C during
the SPIF process and impact tests were performed to measure the maximum force and energy absorbed
by the plate. Furthermore, a cytotoxicity test was also performed to assess if the manufacturing process
affected the biocompatibility of the plate. The test showed no differences between the processed
surfaces and the control ones with regards to biocompatibility. The work presented in [39] had shown
that the influence of oxygen enrichment during the process of manufacturing cranial prostheses by
means of superplastic forming did not affect the biocompatibility of the Ti6Al4V alloy. A cytotoxicity
test was performed, and the viability of the cells was not affected.

Consequently, it is not yet fully demonstrated if heating the material during the process does or
does not affect its biocompatibility. However, processing at high temperatures significantly improves
the plasticity of the titanium alloys. On the other hand, the complexity of the equipment, the costs
associated with that complexity (and with higher energy consumption), and the difficulty of controlling
the process favor processing at room temperature, if plasticity requirements can be fulfilled.

From an environmental and sustainability point of view, recent works have pointed out that SPIF
is a process with higher amounts of energy consumption compared with other forming processes,
such as stamping [40]. The studies presented in [41] have indicated tool speed, type of material,
and vertical incremental step in this order as the main influence factors upon the amount of energy
consumption during the SPIF process. A similar study which also took into consideration the
technological equipment (CNC machine, six-axes industrial robot, and dedicated Amino machine) was
presented in [42] and emphasized the fact that forming time is the most influential factor upon the
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electric energy consumption. Based upon this assumption, the study presented in [43] compared the
energy efficiency of performing SPIF machining on a CNC milling machine and on a high-speed CNC
lathe. The results have demonstrated that high-speed processing significantly reduces the processing
time and, consequently, the energy consumption. Environmental aspects must be considered every
time machining is involved, but medical devices such as implants and prosthetic devices are usually
machined as prototypes; thus, the environmental impact manufacturing them should be considered
quite low. However, reducing the overall machining time is one of the most recommended approaches
from this point of view.

The authors of this work have performed some previous studies with regards to using complex
trajectories and computer-assisted techniques in SPIF processes [44,45] and some preliminary work in
the field of using titanium alloys in cranial implants [46].

As presented above, there are many techniques in use for manufacturing cranioplasty plates
from Ti6Al4V alloy, each one with advantages and drawbacks. However, as presented in the next
section, single-point incremental forming at room temperature could be considered the best choice,
if some criteria are considered. Of course, as reported in the literature, the low plasticity of the Ti6Al4V
alloy makes it difficult to process it in this condition. Thus, the approach presented in this paper was
oriented towards finding some technological approaches which could allow for better processing
of Ti6Al4V alloy at room temperature. As results, some incremental findings, linked mainly with
the types of toolpaths and the values of processing steps, with regards to the proposed objective
were synthesized.

2. Materials and Methods

2.1. Decision-Making Process

Cranioplasty plates may be manufactured using either a manual or a digital approach (Figure 2).
The input data come either from a physical template (a bone fragment taken form the patient) or from
a computer tomography (CT) scan. If the manual manufacturing approach is chosen, by means of the
physical template, a negative cast is made using laboratory putty. The following steps involve several
manual operations, which may differ from one method to another. A comprehensive description of
a manual method for manufacturing cranioplasty plates is presented in [10].

The digital approach relies heavily on CAD (computer-aided design)/CAM (computer-aided
manufacturing) techniques. The data from the CT scan is processed and converted from a point cloud
model to a 3D STL (stereolithography) file format by means of any CAD software package. The 3D
model is imported into any CAM software where processing technology and machining code are
generated and sent to the technological equipment (CNC machine tool, industrial robot, or even
a specialized machine). The format of the machining code and the type of the technological equipment
depend on the technological process used for the actual manufacturing of the cranioplasty plate.
No matter the chosen manufacturing method, in the final stage, the cranioplasty plate is subjected to
some specific operations to prepare it for implantation (i.e., sterilization).

According to the literature review presented above, the most recommended manufacturing
processes for cranioplasty plates are cutting (CUT), single-point incremental forming (SPIF),
single-point incremental forming with heating (SPIFH), and double-side incremental forming
(DSIF). A special mention should be made with regards to additive manufacturing methods,
which were recently reported as effective methods for manufacturing cranioplasty plates. An approach
presented in [47] presented a two-stage method for manufacturing a cranioplasty plate. In the
first stage, by means of 3D printing, a mold was manufactured which was further used for casting
a polymethyl-methacrylate (PMMA) cranioplasty plate in the second stage. More recently, an industrial
company presented a case study [48] in which a cranioplasty plate was manufactured using a metal
3D printing machine, using Ti MG1 (ISO 10993) as the material.
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However, the current research is oriented upon using Ti6Al4V as the material for manufacturing
a cranioplasty plate; thus, only CUT, SPIF, SPIFH, and DSIF will be considered for the analysis.

A decision-making method for selecting between these processes based upon AHP (analytic
hierarchy process) was developed during this research.

Figure 2. Manufacturing processes for cranioplasty plates.

Comparing the four considered manufacturing processes is a multiattribute decision-making
problem due to the factors involved. One of the methods which can be used for this purpose is the
Analytic Hierarchy Process (AHP), a method introduced by Saaty [49,50]. The method is based upon
pairwise comparison. Elements i and j are compared, and the result is expressed by value aij. A given
hierarchization criteria is used for the comparison:

aij = 1 f or i = j, where i, j = 1, 2, . . . n
aij =

1
aji

f or i 	= j (1)

The judgement scale, used for AHP, was proposed by Saaty: 1, equally important; 3, weakly more
important; 5, strongly more important; 7, demonstrably more important; 9, absolutely more important.
The values in between (2, 4, 6, and 8) represent compromise judgements.

To use the AHP process for comparing the four manufacturing processes, a set of seven criteria
were proposed and compared pairwise against each other. The preference matrix from Table 1 is used
to store the results. The six proposed criteria are presented below:

• C1—Formability: seen here as the ability of the manufacturing process to modify the shape of the
workpiece by redistributing the material (plastic deformation). It is noticeable here that three of
the analyzed processes are plastic deformation processes, while one of them (CUT) is based upon

126



Metals 2018, 8, 626

shaping the part by removing material. However, it was considered that this criterion could be
also applied to the CUT process;

• C2—Microstructure: seen here as a measure of how the microstructure of the material is affected
by the manufacturing process and, consequently, how the biocompatibility of the processed part
could be affected;

• C3—Degree of control: seen here as a measure of how the parameters of the process and the shape
and dimensional parameters of the parts (cranioplasty plates) can be controlled;

• C4—Roughness: the meaning of this criterion is quite straightforward, as it expresses the surface
quality achievable for the processed parts;

• C5—Energy consumption: it is related with the amount of energy required by each
manufacturing process;

• C6—Accuracy: seen here as the maximum achievable accuracy for the parts processed by each of
the analyzed manufacturing processes;

• C7—Production time: seen here as the total amount of time to produce a cranioplasty plate.

Table 1. Preference matrix A.

Criterion C1 C2 C3 C4 C5 C6 C7

C1 1 1/3 5 3 7 3 5
C2 3 1 9 3 9 5 3
C3 1/5 1/9 1 1/5 3 1/5 1/5
C4 1/3 1/3 5 1 7 5 1/3
C5 1/7 1/9 1/3 1/7 1 1/7 1/7
C6 1/3 1/5 1/5 1/5 7 1 1/3
C7 1/5 1/3 5 3 7 3 1

As an example, the way in which the first line of Table 1 was filled is presented below:

- Microstructure (C2) and formability (C1) are very important characteristics of a cranioplasty plate;
however, for a device in contact with the human tissue, the state of the microstructure should be
considered weakly more important that the ability of shaping the plate;

- The degree of control (C3) is a measure of the quality and repeatability of the process. A higher
degree of control will allow the process to be automated, but, finally, for a prosthetic device
(which can also be manufactured manually), the ability to shape the plate exactly as required (C1)
is strongly more important;

- Roughness (C4) of the part is also important for a prosthetic device, but while the microstructure
cannot be repaired if affected by the manufacturing process, roughness could be improved (even
by manual operations); thus, the formability of the plate (C1) should be considered weakly
more important;

- Energy consumption (C5) should be reduced as possible for any manufacturing process; however,
when it comes to cranioplasty plates (which usually are manufactured as prototypes), the ability
of shaping the part should (C1) be considered demonstrably more important than saving
energy (C5);

- Manufacturing accuracy of the cranioplasty plate (C6) is important, but from the point of view of
its functional role (prosthetic device, which is not moving or being in contact with other moving
parts), the formability (C1) should be considered weakly more important;

- Production time (C7) is a measure of the efficiency of a production process, but taking into
consideration of the fact that, as stated for the (C5) criterion, the cranioplasty plates are
manufactured as prototypes, the (C1) criterion should be considered strongly more important.
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The next step of the AHP process involves the normalization of the preference matrix by
transforming it into matrix B, where

B =
[
bij

]
bij =

aij

∑n
i = 1 aij

(2)

It is now required to calculate the eigenvector w = [wi], which expresses the preference between
the elements, by using the following relationship:

wij =
∑n

i = 1 bij

n
(3)

The normalized B is presented in Table 2. The eigenvector w was placed on the last column of
matrix B, calculated using Equation (3).

Table 2. Normalized matrix B.

Criterion C1 C2 C3 C4 C5 C6 C7 w

C1 0.1996 0.1458 0.3024 0.3842 0.2188 0.2901 0.2239 0.2256
C2 0.5989 0.4375 0.4234 0.3842 0.2188 0.2901 0.3134 0.3905
C3 0.0399 0.0625 0.0605 0.0427 0.0938 0.0193 0.1343 0.0558
C4 0.0665 0.1458 0.1815 0.1281 0.2188 0.2901 0.1343 0.1777
C5 0.0285 0.0625 0.0202 0.0183 0.0313 0.0138 0.0149 0.0233
C6 0.0665 0.1458 0.0121 0.0427 0.2188 0.0967 0.1343 0.0829
C7 0.0384 0.0640 0.0160 0.0423 0.0811 0.0227 0.0448 0.0442

The comparisons must be checked from the point of view of consistency, according to [48–51].
The check is made by calculating the maximal eigenvalue according to

λmax =
1
n ∑n

i = 1
(Aw)i

wi
= 7.4469 (4)

where λmax is the matrix’s largest eigenvalue [34].
Using the random consistency index table (Table 3) from [50], the consistency ratio CR may be

determined (for a 6-dimensional matrix, the r coefficient is 1.32).

Table 3. Values for CI indices.

Size of Matrix (n) 1 2 3 4 5 6 7 8 9 10

Random average CI (r) 0 0 0.58 0.90 1.12 1.24 1.32 1.41 1.45 1.51

According to Equation (5), the value of CR is smaller than 10%, showing that the comparisons
made during the building of matrices A and B are consistent [36,37].

CR =
λmax − n
r(n − 1)

= 5.64% (5)

The evaluation of the four manufacturing strategies with respect to the seven criteria will be
unfolded below. The evaluation for each criterion is presented in Tables 4–10, together with the
eigenvectors (introduced in the last column of each table). For exemplification, the way in which the
second line of Table 4 was filled is presented below:

- Cranioplasty plates are manufactured starting from a sheet metal workpiece; thus, a plastic
deformation process (SPIF) should be considered as an intermediate between equally important
and weakly more important than a cutting process (CUT) from the point of view of formability
(C1). Even the workpiece is different for cutting, and cutting also allows the user to machine
complex shapes; thus an intermediate value has been considered;
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- Ti6Al4V alloy is known as a low-formability material, and heating it leads to an increase in the
formability. However, applying heat could lead to some problems described above. Thus, SPIFH
should be considered weakly more important than SPIF, from the (C1) point of view;

- Using a master–slave tools layout with punch and counter-punch will significantly improve the
formability of the part, but will also lead to the use of very complex layouts and equipment;
this is why DSIF should be considered weakly more important than SPIF, from the (C1) point
of view.

Table 4. Comparison of the processing strategies with regards to C1 (formability).

C1 CUT SPIF SPIFH DSIF w

CUT 1 1/2 1/2 1/2 0.1386
ASPIF 2 1 1/3 1/3 0.1622

ASPIFH 2 3 1 1/2 0.2902
DSPIF 2 2 2 1 0.4090

Table 5. Comparison of the processing strategies with regards to C2 (microstructure).

C2 CUT SPIF SPIFH DSIF w

CUT 1 1/9 1/5 1/7 0.0399
ASPIF 9 1 7 7 0.6440

ASPIFH 5 1/7 1 1/3 0.1145
DSPIF 7 1/7 3 1 0.2016

Table 6. Comparison of the processing strategies with regards to C3 (degree of control).

C3 CUT SPIF SPIFH DSIF w

CUT 1 3 5 5 0.5143
ASPIF 1/3 1 5 5 0.3045

ASPIFH 1/5 1/5 1 3 0.1158
DSPIF 1/5 1/5 1/3 1 0.0654

Table 7. Comparison of the processing strategies with regards to C4 (roughness).

C4 CUT SPIF SPIFH DSIF w

CUT 1 1/7 1/5 1/7 0.0328
ASPIF 7 1 5 1/3 0.3520

ASPIFH 5 1/5 1 7 0.3199
DSPIF 7 3 1/7 1 0.2953

Table 8. Comparison of the processing strategies with regards to C5 (energy consumption).

C5 CUT SPIF SPIFH DSIF w

CUT 1 3 5 5 0.4941
ASPIF 1/3 1 9 7 0.3713

ASPIFH 1/9 1/5 1 1/2 0.0528
DSPIF 1/7 1/5 2 1 0.0818

Table 9. Comparison of the processing strategies with regards to C6 (accuracy).

C6 CUT SPIF SPIFH DSIF w

CUT 1 7 5 3 0.5761
ASPIF 1/7 1 1/2 1/3 0.0715

ASPIFH 1/5 2 1 1/3 0.1125
DSPIF 1/3 3 3 1 0.2399
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Table 10. Comparison of the processing strategies with regards to C7 (production time).

C7 CUT SPIF SPIFH DSIF w

CUT 1 5 5 7 0.5430
ASPIF 1/5 1 3 5 0.2445

ASPIFH 1/5 1/3 1 3 0.0765
DSPIF 1/7 1/5 1/3 1 0.1360

The matrix C will be built using the results from Tables 4–10. The columns of matrix C represent
the eigenvectors resulting by comparing the four processes pairwise. The order of the columns within
matrix C takes into consideration the order of the criteria determined in Table 2: C2, C1, C4, C6, C3,
C7, and C5. Performing the multiplication of matrix C and the vector w, the preference vector x for the
four manufacturing strategies may be obtained, according to the following relation:

x = Cw =

⎡
⎢⎢⎢⎣

0.0399 0.1386 0.0328 0.5761 0.5143 0.5967 0.4941
0.6440 0.1622 0.3520 0.0715 0.3045 0.2292 0.3713
0.1145 0.2902 0.3199 0.1125 0.1158 0.0188 0.0528
0.2016 0.4090 0.2953 0.2399 0.0654 0.0553 0.0818

⎤
⎥⎥⎥⎦ ×

⎡
⎢⎢⎢⎢⎢⎢⎢⎢⎢⎣

0.2256
0.3905
0.0558
0.1777
0.0233
0.0829
0.0442

⎤
⎥⎥⎥⎥⎥⎥⎥⎥⎥⎦

=

⎡
⎢⎢⎢⎣

0.2506
0.2835
0.1919
0.2740

⎤
⎥⎥⎥⎦ (6)

As can be noticed from Equation (6), the resulting column matrix has the highest value on the
second line, 0.2835, a position which corresponds to the second analyzed manufacturing strategy,
(ASPIF). According to this result, the AHP process has returned ASPIF as the most recommended
approach if the seven proposed criteria are considered. Consequently, the experimental program was
oriented to this process as the preferred solution for manufacturing cranioplasty plates. To assess
the robustness and the reliability of the AHP process results, a sensitivity analysis was introduced
according to the method proposed in [52,53]. According to this, the weights were changed while
maintaining the ranking order previously determined. According to the proposed method, a coefficient
α ≥ 0 is introduced and the matrix A is transformed into

[
aα

ij

]
. If α > 1, more dispersed weights are

obtained and if α < 1, the weights become more concentrated, without any change in the ranking order.
Table 11 shows the weights obtained for α = 0.5, 0.7, 0.9, 1.0, 1.1, 1.3, 1.5 (values proposed in [52]).

Table 12 presents the simulation results of calculating the preference vector x for the weights from
Table 11. A graphical synthesis of the sensitivity analysis is presented in Figure 3. It can be noticed
that the changes in the weights do not affect the hierarchy of the preference vectors x; consequently,
SPIF is the most recommended process for the entire range of the analysis.

Table 11. Sensitivity analysis for the weights.

Coefficient α

Criterion 0.5 0.7 0.9 1.0 1.1 1.3 1.5

C1 0.1128 0.15792 0.20304 0.2256 0.24816 0.29328 0.3384
C2 0.19525 0.27335 0.35145 0.3905 0.42955 0.50765 0.58575
C3 0.0279 0.03906 0.05022 0.0558 0.06138 0.07254 0.0837
C4 0.08885 0.12439 0.15993 0.1777 0.19547 0.23101 0.26655
C5 0.01165 0.01631 0.02097 0.0233 0.02563 0.03029 0.03495
C6 0.04145 0.05803 0.07461 0.0829 0.09119 0.10777 0.12435
C7 0.0221 0.03094 0.03978 0.0442 0.04862 0.05746 0.0663
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Table 12. Results of the sensitivity analysis simulations for the preference vector x.

Coefficient α/Preference Vector x

Strategy 0.5 0.7 0.9 1.0 1.1 1.3 1.5

CUT 0.1253 0.1754 0.2255 0.2506 0.2757 0.3258 0.3759
SPIF 0.1417 0.1984 0.2551 0.2835 0.3118 0.3685 0.4252

SPIFH 0.0959 0.1343 0.1727 0.1919 0.2111 0.2495 0.2878
DSPIF 0.1370 0.1918 0.2466 0.2740 0.3014 0.3562 0.4110

Figure 3. Graphical synthesis of the sensitivity analysis.

2.2. Experimental Layout

As stated in the literature review, one of the most used types of technological equipment for ASPIF
processing are CNC milling machines. For this research, a Haas MiniMill CNC machining center was
used. The milling machine and the experimental layout mounted on the machine are presented in
Figure 4.

  
(a) (b) 

Figure 4. Technological equipment: (a) Haas MiniMill computer numerically controlled (CNC)
machining center; (b) Forming equipment (active die and retaining plate).

Figure 5 presents a 3D model of the forming equipment, where 1, punch; 2, active die;
3, retaining plate; 4, active die support; 5, baseplate; 6, fixing screws; 7, centering screw; and 8,
sheet metal workpiece.
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(a) (b) 

Figure 5. Forming equipment: (a) 3D model of the forming assembly—without the sheet metal
workpiece; (b) Exploded view—with the sheet metal workpiece.

The active plate used for processing the parts is presented in Figure 6. Both the active die and the
punch were made from 20Cr115 SR EN ISO 4957:2002 alloyed steel, heat treated.

 

Figure 6. Active die used for manufacturing the test parts.

2.3. Material

The chemical composition of Ti6Al4V titanium alloy in mass percentage is shown in Table 13.
Titanium is an allotropic substance consisting of a cubic structure (α-Ti) and a compact hexagonal

structure up to a temperature of 882 ◦ C (β-Ti). As can be seen in Table 13, the main alloying elements
are aluminum and vanadium, but besides these there are also other minor alloying elements such as
iron, oxygen, nitrogen, hydrogen, silicon, and so on.

Table 13. Alloying elements of the Ti6Al4V material.

Alloy Element Chemical Symbol Mass Percentage (%)

Aluminum Al 5.5–6.75
Vanadium V 3.5–4.5

Carbon C 0.10
Iron Fe 0.3

Oxygen O 0.02
Nitrogen N 0.05

Hydrogen H 0.015
Silicon Si 0.15

Remainder - 0.4

The mechanical characteristics of the titanium alloy Ti6Al4V are given in Table 14.
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Table 14. Mechanical characteristics of the titanium alloy Ti6Al4V.

Characteristic Measurement Unit Value

Yield Strength [MPa] 965–1103
Tensile Strength [MPa] 896–1034

Density [g/cm3] 4.5
Modulus of Elasticity (Young modulus) [GPa] 116

To determine the other mechanical characteristics of the material needed for finite element method
(FEM) analysis, the tensile test was used. The tests were carried out for Ti6Al4V titanium alloy with
a thickness of 0.5 mm, using the following laboratory equipment:

• tensile testing machine Instron 5587;
• optical strain measurement system GOM Aramis.

One of the methods of testing the deformation is the uniaxial traction test. On this machine,
the specimen is fixed at both ends and deformed at a constant speed until cracking occurs.

Test specimens used for tensile testing are specimens with a calibrated length of 75 mm, a width
of 12.5 mm, and a rectangular cross section (Figure 7) in accordance with the standard for the traction
testing of metallic materials, SR EN 10002-1: 2002.

Figure 7. Specimens used for tensile testing.

To study the material anisotropy, sets of specimens were cut (by waterjet cutting) at 0◦, 45◦,
and 90◦ angles to the sheet rolling direction; these are shown in Figure 8.

 

Figure 8. The different angles of the specimens.

The parameters related to the intrinsic properties of the material measured by traction test are
hardening coefficient, coefficient of resistance, and coefficients of plastic anisotropy. The values will be
used to define the elastoplastic behavior of the material in the FEM simulation. The tensile tests were
performed on 3 sets of samples at room temperature, according to Table 15.
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Table 15. Tensile tests.

No. No. of Specimens/Set Direction of Lamination (◦) Temperature (◦C)

1. 3 90◦ 25 ◦C
2. 3 0◦ 25 ◦C
3. 3 45◦ 25 ◦C

Using the BlueHill version 2.0 software (produced by Instron company, Norwood, MA, USA) to
control the Instron 5587 Traction Testing Machine (produced also by Instron company), the following
were set as input data: type of test, initial dimensions of the specimen, and deformation speed.
Both BlueHill software and Instron machine are in the laboratories of Lucian Blaga University of Sibiu.

Following the data processing, the conventional strain curves (σ) versus elongation (εmax) were
obtained for the titanium alloy Ti6Al4V at room temperature, which are shown in Figure 9.

The mechanical characteristics of the material that were determined by the traction test are

• modulus of elasticity E [MPa],
• flow limit Rp0.2 [MPa],
• tensile strength Rm [MPa],
• hardening coefficient n [-],
• resistance coefficient K [Pa],
• elongation εmax [%].

 
Figure 9. Conventional strain curves (σ) versus elongation (εmax).

In Table 16, a synthesis of the data obtained for the tensile testing for the three types of samples
is presented.

Table 16. Synthesis of the data obtained from tensile tests.

Characteristic Measurement Unit Value

Specimen Cutting Angle [◦] 0 45 90
The modulus of elasticity E [MPa] 49,645.24 49,779.71 52,587.8

Flow Limit Rp0.2 [MPa] 881.9 863.11 922.51
Tensile Strength Rm [MPa] 960.76 992.76 1001.35

Coefficient of hardening n [-] 0.16 0.1 0.13
Resistance coefficient K [Pa] 1618.9 1190.88 1392.81

Elongation εmax [%] 5.5 7.8 6.4

2.4. Shape of Test Parts

To test the proposed technological approach, a truncated cone shape of the part was chosen.
The geometry of the test part was defined by the cone angle (α◦), the height of the part (h), and the
diameter of the upper base (d). The shape and dimensions of the parts are presented in Figure 10.
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(a) (b) 

Figure 10. Test parts: (a) 3D model; (b) Characteristic dimensions.

2.5. Processing Trajectories

The processing trajectories were selected by taking into consideration the third objective stated
above. According to the literature review, two main solutions have been imposed lately:

• contour-curves-based trajectory (a contour curve is obtained by intersecting the 3D shape by
an XY plane—for the truncated cone, the contour curve is a circle);

• spatial spiral trajectory.

The trajectories used during the experimental test are synthesized in Table 17 and Figure 11.

Table 17. Trajectories.

Trajectory Type Geometrical Primitive Code Observations

Circular trajectories Contour curve (circle) CT The lead-in/lead-out points are lying
on the same line (cone generatrix)

Circular trajectories with
special entry points Contour curve (circle) CTSEP The lead-in/lead-out points are

distributed on the part surface

Spiral trajectories Spatial spiral ST Only one lead-in and one
lead-out point

 
(a) 

 
(b) 

 
(c) 

Figure 11. Processing trajectories: (a) Circular trajectories with the lead-in/lead-out points lying on the
same line; (b) Circular trajectories with the lead-in/lead-out points distributed on the surface; (c) Spiral
trajectories with only one lead-in and one lead-out point.
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A computer-aided manufacturing software package, SprutCAM v. 11 (produced by Sprut
Technology Ltd., Naberezhnye Chelny, Russia) dedicated for milling operations, was used for
generating the trajectories. By using a commercially available CAM solution, the goal regarding
ease of generation has been reached.

The circular trajectories (CT) (Figure 11a) have the drawback that all the lead-in points are situated
on the same line, a cone generatrix. Lead-in points are the points where the tool (punch) enters in
contact with the part. For the circular trajectories, the punch approaches the part with rapid feed,
changes it in work feed in the near vicinity of the part, and enters in contact with the workpiece,
all these movements being unfolded on the Z axis. After that, the relative movement between the
punch and workpiece is unfolded in the XY plane, until a full circle is completed. After completing
the circle, the punch performs a new lead-in movement combined on the XY plane and Z axis, and
engages the part on a new circle, situated at distance p from the first one, where p is the vertical step of
the ASPIF process. In Figure 11a, all the lead-in points are situated on the same line, a situation which
can lead to stress accumulation and, finally, to cracks. It is here noticeable that for a CAM solution for
milling, aligning the lead-in points is a default procedure.

To avoid this drawback, the second approach was used. In the circular trajectories with special
entry points (CTSEP) situation (Figure 11b), the lead-in points were distributed on the lateral surface
of the truncated cone. To achieve this distribution, approach and retraction paths in the XY plane had
to be defined (Figure 12) where 1, workpiece; 2, approach path in the XY plane; 3, start of the contour
curve (circle); 4, retraction path in the XY plane; and 5, finish of the contour curve (circle).

  
(a) (b) 

Figure 12. Approach and retraction: (a) Approach path in the XY plane defined by radius R and angle
β; (b) Retraction path in the XY plane defined by radius R and angle γ.

The following relations for the values R, β, and γ were used:

β = γ = 45◦ (6)

By combining the approach and retraction paths in the XY plane with the approach and retraction
paths on the Z axis, the movement cycle of the punch may be divided as follows (Figure 13):

- the punch approaches on the Z axis with rapid feed (a);
- the punch continues the approach on the Z axis with work feed, until it reaches the contour curve

level (b);
- the punch follows the approach path, in an XY plane at the Z level of the contour curve, until it is

positioned on the contour curve (c);
- the punch follows the contour curve (d);
- the punch follows the retraction path, in the XY plane situated at the Z level of the contour

curve (e);
- the punch approaches on the Z axis with rapid feed, travelling to the next contour curve (f);
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- the punch continues the approach on the Z axis with work feed, until it reaches the next contour
curve level—a new XY plane (g);

- after phase (g), the movements are repeating in a cycle, from d to g, until the last contour curve
is processed.

 

Figure 13. Movement phases for circular trajectories with special entry points (CTSEP).

By performing the movement phases described in Figure 12, the lead-in and lead-out points
are distributed on the lateral surface of the cone, thus avoiding the accumulation of stresses and
consequently avoiding the occurrence of cracks.

The third approach uses a spatial spiral trajectory (Figure 11c). In this case the trajectory is
a continuous one, with only one entry point (lead-in) and one exit point (lead-out).

2.6. Processed Parts

The experimental tests were conducted according to the following parameters:

• The working feedrate was fixed to 150 mm/min;
• The punch was fixed in the main spindle of the machine and driven with a rotational speed of

150 rev/min around its own axis. According to the literature review, this rotation reduces the
friction and has a favorable influence upon the formability of the material. However, the rotational
speed was limited to avoid the heating of the material, which could affect its formability.
The temperature limit in this case is 400 ◦C. At 150 rev/min, the temperature (measured during
the process with an FLIR TermoVision A320 thermal imaging camera (manufactured by FLIR
Systems, Inc., Wilsonville, OR, USA) was found to be lower than 100 ◦C;

• The starting angle of the truncated cone was set to 30◦, the next one was 35◦, and afterwards the
angle was incremented by 1◦;

• Three vertical steps were considered: 0.2, 0.4, and 0.6 mm. Smaller steps, i.e., 0.1 mm were
considered too small to be considered from a technological point of view, while steps greater than
0.6 mm lead to crack occurrence events at an angle of 30◦;

• Two punch diameters were considered: 8 and 10 mm;
• Mineral oil was used as lubricant;
• At each angle, the first approach involved the use of the simplest trajectory (CT). If for a given

angle this trajectory failed (crack occurrence), the CTSE was used instead. If the latter failed also,
the ST trajectory was considered;

• The experimental tests are synthesized in Table 18. The lines in Table 18 only present the parts
which were processed without cracks (successful tests). Each successful test was confirmed by
performing it three times.
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Table 18. Synthesis of the experimental tests.

Crt. No.
Base Diameter

d [mm]
Vertical Step p

[mm]
Height h

[mm]
Cone Angle

α [◦]
Punch Diameter

dp [mm]
Trajectory

Type

1.

55

0.4

12

30 8 CT
2. 0.4 30 10 CT
3. 0.6 30 8 CT
4. 0.6 30 10 CT
5. 0.2 35 8 CT
6. 0.2 35 10 CT
7. 0.4 35 8 CTSEP
8. 0.4 35 10 CTSEP
9. 0.6 35 8 CTSEP
10. 0.6 35 10 CTSEP
11. 0.2 36 8 CT
12. 0.2 36 10 CT
13. 0.4 36 8 CTSEP
14. 0.4 36 10 CTSEP
15. 0.6 36 8 ST
16. 0.6 36 10 CTSEP
17. 0.2 37 8 CTSEP
18. 0.2 37 10 CTSEP
19. 0.4 37 8 ST
20. 0.4 37 10 ST
21. 0.6 37 10 ST
22. 0.2 38 8 ST
23. 0.2 38 10 ST
24. 0.4 38 10 ST

Some of the successful tests are presented in Figures 14–16.

  
(a) (b) 

Figure 14. Part with p = 0.2 mm, α = 30◦, dp = 8 mm, and CT. (a) view from above; (b) side view.

  
(a) (b) 

Figure 15. Part with p = 0.6 mm, α = 35◦, dp = 10 mm, and CTSEP. (a) view form above; (b) side view.
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(a) (b) 

Figure 16. Part with p = 0.4 mm, α = 38◦, dp = 10 mm, and ST. (a) view from above; (b) side view.

Some examples of processed parts which cracked during the ASPIF process are presented in
Figures 17–19.

  
(a) (b) 

Figure 17. Part with p = 0.6 mm, α = 35◦, dp = 8 mm, and CT. (a) view from above; (b) side view.

  
(a) (b) 

Figure 18. Part with p = 0.4 mm, α = 38◦, dp = 8 mm, and ST. (a) view from above; (b) side view.

  
(a) (b) 

Figure 19. Part with p = 0.4 mm, α = 40◦, dp = 10 mm, and ST. (a) view from above; (b) side view.
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To test the accuracy of the processed parts, some measurements were performed using a Mahr
profilometer (from Mahr Gmbh, Göttingen, Germany). Figure 20 presents a graphical display of the
measurement results for Part 24, while Table 19 presents a synthesis of the results for the measured
parts. Even if more dimensional characteristics were measured, the results were focused on the angle
α◦ and on the surface roughness (expressed by Ra and Rz). It is here noticeable the fact that taking into
consideration the functional role intended for the parts (cranioplasty plates), their requested accuracy
lies in a very different range compared with parts from the manufacturing industry, for example.

Figure 20. Measurement results for Part 24.

Table 19. Synthesis of results for the measured parts.

Part No. Characteristics Measured Values

1. α◦ = 30/p = 0.4/dp = 8 mm/CT α◦ = 31.485
Ra = 15.4 μm/Rz = 23.1 μm

3. α◦ = 30/p = 0.6 mm/dp = 8 mm/CT α◦ = 31.125
Ra = 19 μm/Rz = 52.4 μm

6. α◦ = 35/p = 0.2 mm/dp = 10 mm/CT α◦ = 36.125
Ra = 6 μm/Rz = 35.3 μm

8. α◦ = 35/p = 0.4 mm/dp = 10 mm/CTSEP α◦ = 35.86
Ra = 16.5 μm/Rz = 58.2 μm

11. α◦ = 36/p = 0.2 mm/dp = 8 mm/CT α◦ = 35.865
Ra = 10.3 μm/Rz = 37.5 μm

18. α◦ = 37/p = 0.2 mm/dp = 10 mm/CTSEP α◦ = 38.8
Ra = 8.3 μm/Rz = 21 μm

23. α◦ = 38/p = 0.2 mm/dp = 10 mm/ST α◦ = 38.56
Ra = 3.5 μm/Rz = 18.3 μm

24. α◦ = 38/p = 0.4 mm/dp = 10 mm/ST α◦ = 38.77
Ra = 6.8 μm/Rz = 31.6 μm

2.7. FEM Analysis

The Abaqus/Explicit software package, v.14 (produced by Dassault Systèmes®, Vélizy-Villacoublay,
France) as used for the FEM analysis. A parameterized model based upon the play between the punch
and the active plate, the retention pressure, the diameter of the blank, and the radius of the active plate
was developed. The geometric model included the sheet metal workpiece (considered as a deformable
body), the active plate, the retention plate, and the punch (all being considered as rigid bodies). For the
finite element mesh, four-node shell elements were used. The modeling was done on medium fiber,
with five integration points per thickness being considered. The FEM model is presented in Figure 21.
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Figure 21. FEM model.

The parameters targeted by the FEM simulations were:

• major strains (ε1);
• minor strains (ε2);
• thickness reduction (smax);
• evolution of the forming force on Z axis.

Figures 22–24 present the variations in ε1, ε2, and smax for a truncated cone with diameter of the
upper base d = 55 mm, cone angle α = 30◦, vertical step p = 0.4 mm, punch diameter dp = 10 mm,
and spatial spiral trajectories.

Figure 22. Distribution of major strains (ε1)—diameter of the upper base d = 55 mm, cone angle α = 30◦,
vertical step p = 0.4 mm, punch diameter dp = 10 mm, and spatial spiral trajectories (ST).

Figure 23. Distribution of minor strains (ε2)—diameter of the upper base d = 55 mm, cone angle α = 30◦,
vertical step p = 0.4 mm, punch diameter dp = 10 mm, and spatial spiral trajectories (ST).
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Figure 24. Thickness reduction (smax)—diameter of the upper base d = 55 mm, cone angle α = 30◦,
vertical step p = 0.4 mm, punch diameter dp = 10 mm, and spatial spiral trajectories (ST).

Figures 25 and 26 present the simulated processing force on the Z axis, for the same part, diameter
of the upper base d = 55 mm, cone angle α = 30◦, vertical step p = 0.4 mm, and punch diameter
dp = 10 mm, but for different types of trajectories—circles (Figure 22) and spatial spiral (Figure 23). It is
here noticeable the fact that the simulation speed was increased by a magnification factor of 100; thus,
the time scale covers the whole process.

 

Figure 25. Simulated processing forces on the Z axis—diameter of the upper base d = 55 mm,
cone angle α = 30◦, vertical step p = 0.4 mm, punch diameter dp = 10mm, and circular trajectories (CT).

Figure 26. Simulated processing forces on the Z axis—diameter of the upper base d = 55 mm,
cone angle α = 30◦, vertical step p = 0.4 mm, punch diameter dp = 10mm, and spatial spiral trajectories (ST).

A preliminary analysis reveals that the maximum values of the forces are quite similar, oscillating
around 552 N. However, for the spiral trajectory, the amplitude of the oscillations is higher, a fact that
could favor the occurrence of cracks.

2.8. Experimental Measurements

A GOM Argus optical system (produced by GOM company, Braunschweig, Germany) was used
for measuring the parts. Figure 27 presents the experimental results for major strain (ε1) distribution for
the part with diameter of the upper base d = 55 mm, cone angle α = 30◦, vertical step p = 0.4 mm, punch
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diameter dp = 8 mm, and circular trajectories (CT). The maximum value of the major strain is 37.6%.
Figure 28 presents the results for major strain (ε1) distribution for the part with d = 55 mm, α = 35◦,
p = 0.4 mm, dp = 8 mm, and circular trajectories with separate entry points (CTSE). The maximum
value of the major strain is 34.1%. Figure 29 presents the results for major strain (ε1) distribution for the
part with d = 55 mm, α = 38◦, p = 0.4 mm, dp = 10 mm, and spatial spiral trajectories (ST). The maximum
value of the major strain is 23.7%.

  
(a) (b) 

Figure 27. Measured distribution of major strains (ε1)—diameter of the upper base d = 55 mm,
cone angle α = 30◦, vertical step p = 0.4 mm, punch diameter dp = 8 mm, and circular trajectories (CT),
(a) measured part; (b) measurement results.

  
(a) (b) 

Figure 28. Measured distribution of major strains (ε1)—diameter of the upper base d = 55 mm,
cone angle α = 35◦, vertical step p = 0.4 mm, punch diameter dp = 8 mm, and circular trajectories
with separate entry points (CTSEP), (a) measured part; (b) measured results.

  
(a) (b) 

Figure 29. Measured distribution of major strains (ε1)—diameter of the upper base d = 55 mm,
cone angle α = 38◦, vertical step p = 0.4 mm, punch diameter dp = 10 mm, and spatial spiral trajectories
(ST), (a) measured part; (b) measurement results.
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A complete set of measured values of major strains (ε1), minor strains (ε2), and thickness reduction
(smax) for the part with diameter of the upper base d = 55 mm, cone angle α = 30◦, vertical step
p = 0.4 mm, punch diameter dp = 10 mm, and spatial spiral trajectories (ST) is presented in Figure 30.

  
(a) (b) 

 
(c) 

Figure 30. Measured values for major strains (ε1) (a), minor strains (ε2) (b), and thickness reduction
(smax) (c) for the parts with diameter of the upper base d = 55 mm, cone angle α = 30◦, vertical step
p = 0.4 mm, punch diameter dp = 10 mm, and spatial spiral trajectories (ST).

A comparison between the simulated and the experimentally measured values for major strains
(ε1), minor strains (ε2), and thickness reduction (smax) for the part with diameter of the upper base
d = 55 mm, cone angle α = 30◦, vertical step p = 0.4 mm, punch diameter dp = 10 mm, and spatial spiral
trajectories (ST) is presented in Table 20.

Table 20. Comparison between simulated and measured values.

Part d = 55 mm, α = 30◦,
p = 0.4 mm, dp = 10 mm, ST

Characteristic Input

Major Strains ε1 Minor Strains ε2 Thickness Reduction smax

% log % log % log

Experimental 21.52 0.1951 4.78 0.0467 21.5 0.242
Simulated - 0.2083 - 0.0123 - 0.216

2.9. Manufacturing a Cranioplasty Plate

The next step of the work was to process by means of SPIF a part with complex shape, specific
for cranioplasty plates, to demonstrate that the proposed technological conditions allow the user
to manufacture irregular shapes with rapid variations of the wall shapes and angles at room
temperature. A manually made physical model was considered, taking into consideration the following
requirements:

• The shape of the model had to be highly irregular, to mimic as close as possibly the human skull;
• The shape of the model had to present rapid variations of the wall shapes and angles;
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• Even if the experimental layout had size limitations, the overall area of the model was chosen
about 40 cm2 (exactly 36.5 cm2). According to the literature [54,55], this size could be considered
as a quite common value for a cranial defect surface area.

After scanning the physical model, the 3D model of the part, presented in Figure 31, was stored
in an stl file which resulted after processing a CT scan point cloud file.

  
(a) (b) 

Figure 31. 3D model of the cranioplasty plate: (a) upper side; (b) lower side.

The shape of the plate is highly irregular and continuously variable, as can be seen from Figure 32.
However, the wall angles were checked to be lower than 38◦ for any area of the part.

 
(a) (b) 

Figure 32. Geometry of the plate: (a) transversal sections; (b) horizontal sections.

Spatial spiral trajectories were used with a vertical step of p = 0.2 mm and the punch with
dp = 10 mm was chosen as the processing tool. Figure 33 presents the shape of the processing
trajectories (toolpath), but for clarity, the vertical step was enlarged ten times (2 mm).

 

Figure 33. Spiral toolpath (for clarity of presentation, the vertical step was enlarged ten times).
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The processed part is presented in Figure 34.

 
(a) (b) 

Figure 34. Processed part: (a) upper side; (b) lower side.

Using the Argus GOM optical measurement system, major strains (ε1), minor strains (ε2),
and thickness reduction (smax) for the cranioplasty plates were measured. A synthesis of the values is
presented in Table 21.

Table 21. Measured characteristic values for the cranioplasty plate.

Cranioplasty Plate
Characteristic Input

Major Strains ε1 [%] Minor strains ε2 [%] Thickness Reduction smax [%]

Characteristic 14.5 4.3 17.44

A graphical presentation of the measured values is presented in Figure 35.

  
(a) (b) 

 
(c) 

Figure 35. Measured values for major strains (ε1) (a), minor strains (ε2) (b), thickness reduction (smax)
(c) for the cranioplasty plate.
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From Table 21 and Figure 35, it can be noticed that the values of the characteristic inputs are in
acceptable ranges for parts manufactured by means of ASPIF. In fact, these values are even smaller
than the ones obtained for the test parts (Table 20).

3. Results

The AHP method proposed here has indicated that SPIF is the most recommended manufacturing
method if certain criteria are considered. Of course, the method could be affected by subjectivity,
and the results could be changed if the analysis is done by other specialists. However, the performed
sensitivity analysis guarantees, in some respects, the robustness of the results.

It is here noticeable that AHP indicates the best choice according to the criteria taken into
consideration. Thus, if other sets of criteria are chosen, the results may differ significantly. The results
presented in this work do not state that SPIF could be considered the best choice in any respect, but it
could be considered the best choice if the criteria are those chosen in this approach.

An FEM model was developed which was able to provide simulation results close to values found
experimentally for major and minor strains and for thickness reduction.

The experimental program provided some information regarding the technological conditions in
which some incremental improvements (mainly an increase in the achievable wall angle) in the results
of processing Ti6Al4V alloy at room temperature could be achieved. Also, it was presented that using
continuous paths, a part with irregular shapes and with rapid variations of the wall shapes and angles
has been processed.

Of course, there are also several shortcomings to this research:

• The processed test parts have limited dimensions (due to the available experimental layout), so it
should be demonstrated by further study that the findings are also valid for bigger parts;

• Latest results presented in the literature [38,39] have indicated, by means of a cytotoxicity test,
that heating the Ti6Al4V alloy during the SPIF process does not affect its biocompatibility.
Corroborated by the superior plastic behavior of the heated material, these results narrow the
application range of SPIF at room temperature. However, there are still reasons favoring the
approach of SPIF at room temperature, from the points of view of roughness, costs (related to
equipment complexity and energy consumption), and degree of control.

4. Conclusions

After conducting the experimental program, from a technological point of view it can be concluded
that Ti6Al4V titanium alloy may be used for manufacturing cranioplasty plates, by processing by
means of SPIF at room temperature, if the following technological aspects are considered:

• To reduce friction, the punch must rotate around its axis. A rotation speed between 150 and
300 rev/min was found during this experimental work to be appropriate;

• Theoretically, the working feed does not influence the formability of the part; however, it was
found that working feeds greater than 200 mm/min may lead to crack occurrence. However,
working feed affects the productivity, which is not critically important for this kind of part.
Cranioplasty plates are manufactured as prototypes, productivity having less importance from
this point of view;

• The vertical step of the punch (no matter if circular or spiral toolpaths are used) must be smaller
than 1 mm. Best results were achieved by using vertical steps of 0.6, 0.4, and 0.2 mm. A direct
link was noticed between the vertical step and the maximum inclination angle (α◦) of the wall:
the smaller the vertical step, the larger the achievable angle;

• Continuous toolpaths (which do not use lead-in/lead out entry/exit points) are the best approach,
because entry/exit points may become stress concentrators leading to crack occurrence. Spatial
spiral trajectories provide the best results, but for irregular shapes, generating them without the
aid of CAM software is difficult. Another solution is to use contour curves spaced on the Z axis as
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trajectories (circles or another curves) and distribute the lead-in/lead out points on the surface of
the part (avoiding placing them close to each other);

• The maximum achievable wall angle was found α = 38◦;
• The best results, from the point of view of both the accuracy and surface roughness, were obtained

using the punch with diameter dp = 10 mm (compared with the punch with dp = 8 mm);
• The accuracy of the wall angle was not significantly influenced by the diameter of the punch or by

the vertical step. Also, the toolpaths did not influence it. The explanation for this may be found in
the fact that the low plasticity of the Ti6Al4V titanium alloy does not lead to significant values of
the springback;

• The roughness of the parts was influenced by the vertical step directly, a decrease in the vertical
step leading to a decrease in the roughness value.

• Further research will be oriented in the following directions:
• The influence of rotational speed and working feed upon the accuracy of the part will be studied

in more detail;
• For the time being, the overall dimensions of the parts were limited by the size of the experimental

layout (mainly the size of the active plate and the working space of the CNC machine-tool). A new
layout will be designed and implemented to test how greater overall dimensions of the part
influence its manufacturability by means of ASPIF at room temperature;

• Industrial robots will be used as technological equipment to test if superior kinematics (more
complex processing trajectories) can improve the manufacturability of the parts.
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Abstract: A severely atrophied maxilla presents serious limitations for rehabilitation with
osseointegrated implants. This study evaluated the biomechanical and long-term behavior of titanium
hybrid-plates in atrophic maxilla rehabilitation with finite elements and probabilistic methodology.
A three-dimensional finite element model based on a real clinical case was built to simulate an entirely
edentulous maxilla with four plates. Each plate was deformed to become accustomed to the maxilla’s
curvature. An axial force of 100 N was applied in the area where the prosthesis was adjusted in
each plate. The von Mises stresses were obtained on the plates and principal stresses on maxilla.
The difference in stress between the right and left HENGG-1 plates was 3%, while between the two
HENGG-2 plates it was 2%, where HENGG means Highly Efficient No Graft Gear. A mean maximum
value of 80 MPa in the plates’ region was obtained, which is a lower value than bone resorption
stress. A probability cumulative function was computed. Mean fatigue life was 1,819,235 cycles.
According to the results of this study, it was possible to conclude that this technique based on titanium
hybrid-plates can be considered a viable alternative for atrophic maxilla rehabilitation, although more
studies are necessary to corroborate the clinical results.

Keywords: atrophic maxilla; titanium hybrid-plates; finite element analysis; biomechanical analysis

1. Introduction

The reconstruction of an atrophic maxilla has always been a challenge [1] because of
anatomical and clinical factors due to the serious limitations for conventional implant placement [2].
These limitations are related to the amount of bone, which remains insufficient for the conventional
placement of a dental implant [3]. The maxillary bone volume has been classified, among other authors,
by Cawood and Howel in five grades (I to V). Grades IV and V are considered as extreme atrophies [4].
The most common alternatives in atrophic maxilla rehabilitation are bone grafting [5], pterygoid [6] or
zygomatic implants [7], bone regeneration (with or without mesh) [8,9], and finally, short implants [10].

Bone grafting is the most common technique in the reconstruction of an atrophic maxilla [2].
The goal of hard tissue augmentation is to provide an adequate bone volume for ideal implant
placement and to support soft tissue for optimal esthetics and function. Zygomatic implants present
a viable alternative for this kind of treatment given their design with self-tapping screw and the
appropriate length as this kind of implant can be placed in the bone with very good quality and
excellent mechanical behavior [2,7]. Pterygoid implants have the advantage of allowing anchorage
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in the pterygomaxillary region, eliminating the need for sinus lifts or bone grafts. Additionally,
pterygoid implants can eliminate posterior cantilever and improve axial loading [2,11]. Finally,
short implants are widely used and have demonstrated their efficiency on implant treatment in
atrophic jaw and maxilla [12,13].

The first hybrid plates were introduced by G. Scortecci in July 2000 and were first used in the same
year in a patient with a fractured atrophic mandible. They had a large base plate (25, 33, or 43 mm
long, 7, 9, or 12 mm wide) [14]. These kinds of plates can be adjusted to the maxilla curvature and put
in the best place to maintain occlusal function [15].

There are technical differences between the hybrid plates employed and the sub-periosteal
implants. The first difference is that the hybrid plates are made of titanium grade II and machined from
a block, and the sub-periosteal implants are made of chrome cobalt and cast individually. The second
difference is that hybrid plates are flexible and can be adjusted in situ while sub-periosteal implants
are rigid and modeled using an initial impression of the bone site. Sub-periosteal implants can only be
cemented to the prosthesis while hybrid plates have a screw connection. To use them, it is necessary to
make a groove in the bone to receive the plates so that they may become osseointegrated, which are
then fixed with osteosynthesis screws.

Hybrid plates are made of titanium grade II, which is the main cp Ti used for industrial dental
implant applications [16]. It is recognized that titanium and its alloys are biomaterials with the best
in vivo behavior [17]. Due to the excellent biocompatibility of this material, it is very common to use it
for biomedical applications such as dental implants ad hybrid-plates [18]. This biocompatibility
is provided by the following properties of titanium: low level of conductivity, high corrosion
resistance, thermodynamic state at physiological pH values, and low ion-formation tendency in
aqueous environments [19,20].

In that sense, the main differences between hybrid plates and other alternatives to treat atrophic
maxilla as pterygoid, zygomatic, or short implants are a titanium alloy. Implants are mostly
manufactured by titanium alloy Ti6Al4V.

The protocol employed in this study is called Cortically Fixed @ Once (CF@O). It is an alternative
to conventional implant placement for severe atrophied maxilla and mandible. This technique uses
plates and pterygoid implants. Plates are fixed to the bone with osteosynthesis screws. There are
four types of plates available that differ in size and morphology, although in this study, only two
of them were used. This technique has its origins in basal implantology, which was developed by
Dr. Scortecci in the early 1980s when he proposed the Diskimplant®, a disc implant system that was
inserted laterally, and which he refined over the next few years [21]. Several basal implants were
developed during the 1980s and the 2000s with different geometric forms and with perforations over
the surface to improve the blood supply around the implant [14].

In the last few decades, the finite element method (FEM) has become very popular in the field of
biomechanics as it is a useful tool to numerically calculate aspects such as stresses and strains, and to
evaluate the mechanical behavior of biomaterials and human tissues, considering the difficulty in
making such an assessment in vivo [22,23].

Dental implants and their components including hybrid-plates are subjected to cyclic loads.
Therefore, fatigue of materials is introduced in all dental rehabilitations. Results with a good accuracy
are essential in dental studies as fatigue is very sensitive to many parameters [22].

Owing to the variety of techniques for atrophic maxillary implant rehabilitation, a new technique
based on innovative hybrid titanium plates is described and numerically analyzed. The aim
of this study was to evaluate the biomechanical and long-term behavior of CF@O plates on
a completely edentulous and atrophic maxilla by employing a finite element analysis and a probabilistic
fatigue approach.
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2. Materials and Methods

2.1. Description of the Protocol

The CF@O protocol is an alternative to the existing treatment of the atrophied maxilla and
mandible. This technique is less invasive than the conventional procedures, and implants can be
loaded with a definitive restoration after 6–10 days. Between the surgery and the definitive prosthesis,
the patient has a provisional prosthesis, which is a fixed immediate loading prosthesis made of resin
installed on plates.

This protocol does not need a sinus lift for the rehabilitation in cases of atrophied maxilla nor bone
graft in maxilla and mandible and is based on both traditional implantology methods, combined with
the most modern tools.

The Cortically Fixed @ Once protocol is applicable to edentulous maxillae and mandibles, and to
unilateral and bilateral edentulism in maxilla and mandible. This protocol is indicated in the following
assumptions [24]:

• Reduced bone volume in the upper and lower jaws such as stage D or E according to the Lekholm
and Zarb classification of bone quality.

• Severely reduced vertical bone height over the trajectory of the mandibular canal in the lower jaw
where there is insufficient vertical bone height to place conventional implants.

• Where short implants are not deemed justified, or in cases where bone reconstruction is
not feasible.

• In very sharp dentoalveolar ridges.

This protocol can be used in patients aged between 35 and 90 years and is performed under local
anesthesia. It can be done in nearly all cases of atrophy except in the case of egg shell everywhere in
the maxilla and 10 mm of residential bone in the mandible. A stereolithographic model based on CT
scan is made. After surgery, a temporary fixed bridge is employed. Amoxicillin is prescribed (2 g a day
for 10 days) and in case of pain, ibuprofen 600 (1–3 g a day). Finally, there are no restrictions on food
after one month after surgery.

The treatment plan starts with signed patient consent. Then, an open flap in the maxilla, as in
this study, is made from the left tuberosity along the crest till the canine region. Two hybrid plates
HENGG-1 and HENGG-2 are fixed with osteosynthesis screws and covered. The flap is then closed on
the left and right with polytetrafluoroethylene polymer (PTFE) monofilament nonabsorbable suture.

Depending on the atrophy, three types of prosthesis are available: a metal acrylic for a big atrophy
and a metal ceramic or zirconia when there is less atrophy with enough bone. Another point to
consider is the contribution of the pterygoid implants, which contribute to prosthesis fixation.

From 2013, 155 patients between the ages of 38 and 85 (95 were female and 60 were male and
105 were in the maxilla and 45 in the mandible) were treated with the protocol detailed previously,
resulting in three failures of plates in the maxilla and two in the jaw. These lost treatments were related
to infection processes in the soft tissues. After a follow-up period of one year, there was a clinical and
radiographical check to confirm that the plates were fixed and without complication.

The finite element analysis employed in this study simulated a real case of a 58-year-old female,
with patient consistent, who wanted fixed teeth in the maxilla in a compromised bone. The treatment
consisted of two pterygoid implants, four hybrid plates fixed with osteosynthesis screws, and a metal
acrylic bridge ten days later [25]. In this instance, only the plates were analyzed.

2.2. Plates

The plates used in the CF@O protocol are very thin, lightweight, and highly flexible, and therefore
may be adapted to any bone anatomy. In this study, the two plates employed are detailed in Figure 1:
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Figure 1. Plates employed in this study: (a) HENGG-1; (b) HENGG-2.

The HENGG-1 plate is appropriated for atrophied maxilla and is fixed with the zygomatic bone
and the palate. The HENGG-2 plate is recommended for premaxilla, and the retromolar region in case
of pencil mandible.

The plates are milled in a single piece and may be tilted in two axes to ensure that the implant
fits the bone perfectly by manual shaping, making them isoelastic and able to mimic bone. They are
minimally invasive and totally adjustable; they can be tilted at 90 degrees and the number of vents
needed can be reduced as required, depending on the bone available at the site. They can also
be twisted to fit the mandibular anatomy. They are stabilized and fixed by osteosynthesis screws,
which give a strong cortical anchorage.

2.3. Finite Element Reconstruction

Geometric characteristics of the plates employed in the present study are shown in Figures 2 and 3.

Figure 2. Plate HENGG-1.
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Figure 3. Plate HENGG-2.

All three-dimensional plates were adjusted to the anatomic characteristics of the maxilla
(Figure 4b) as the common procedure in a real case (Figure 4a).

Figure 4. Plate adjusted to the anatomic characteristics of the maxilla: (a) Plate deformed before being
placed in the patient; (b) three-dimensional model of a plate deformed.

The finite element model reproduced the case detailed previously, which is represented in Figure 5.
Geometry of the maxilla was obtained using CT and transformed to the STL format. Slice increment
was 0.5 mm, according to other studies in the literature. All data in DICOM format were imported
into the software package Mimics 10.0 (Materialize, Leuven, Belgium) for the construction of the 3-D
model. Plate HENGG-1 was placed in the molar region and HENGG-2 in the premaxilla.

Finally, Figure 6 represents the three-dimensional finite element assembly employed to reproduce
the clinical case detailed in this study.

The maxilla in STL format was imported into SolidWorks 2016 (Dassault Systèmes,
SolidWorks Corp., Concord, MA, USA) where the assembly with the four plates was done (Figure 6).
The trabecular bone was 1 mm thick [26].
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Figure 5. Model employed to reproduce in the finite element model.

Figure 6. Finite element model employed in this study.

2.4. Material Properties

All materials were considered isotropic, linearly elastic, and homogeneous. The properties of the
materials are detailed in Table 1.

Table 1. Material properties employed in this model.

Title Young’s Modulus Poisson’s Ratio

Plates (titanium grade II) [27] 105 GPa 0.37
Maxilla: cortical bone [26] 13.7 GPa 0.3

Maxilla: trabecular bone [26] 1.37 GPa 0.3

2.5. Meshing

Mesh generation was done in SolidWorks 2016 (Dassault Systèmes, SolidWorks Corp., Concord,
MA, USA). All components were meshed with a fine mesh and all regions of stress concentration that
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were of interest were manually refined. The three-dimensional model presented a total of 432,404 nodes
and 294,104 elements. The convergence criterion was a change of less than 5% in the von Mises stress
in the model [28] (Figure 7).

Figure 7. Finite element mesh (isometric view).

2.6. Boundary Conditions and Loading Configuration

The model was subjected to a rigid fixation restriction in the upper and lateral maxilla to
prevent displacement in the x, y, and z axes (Figure 8). Plates were in contact with the maxilla
and a nonpenetration condition was also added to prevent interferences during the execution process
between the plates and the maxilla.

A load of 100 N [29,30] was directly applied perpendicular to the area where the prosthesis was
fixed to the plate as detailed in Figure 8.

Figure 8. Three-dimensional posterior view of maxilla with load application and boundary conditions.
Loads are represented in blue arrows and the rigid fixation restriction is represented in green.

2.7. Probabilistic Fatigue Model

In addition to the previous deterministic finite element analysis, a probabilistic fatigue model
at the crack nucleation stage was also implemented. This stage is the most important regarding
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dental components and, hybrid plates, life, in particular [31]. As Riahi et al. detailed in their study,
the probabilistic finite element method is a viable tool to estimate the influence of the stochastic
properties of loads, material properties, and geometry on the response [32]. The methodology
employed in this study was based on a cumulative damage B-model, which is constructed from
the Probabilistic Finite Element Method (PFEM) results and computed for every random variable here
considered: the Young’s modulus (105 ± 10 GPa) and the applied loads (100 ± 10 N) [31]. The input
random variables considered in this study were handled via its first order Taylor series expansion.
Once all the sensitivities of the random variables are known, it is possible to apply the mean and
variance operator. All the sensitivities of the random fields involved, such as displacements field,
strain field, and stress field can be obtained.

Bogdanoff and Kozin (B-K) created a number of probabilistic models of cumulative damage based
on ideas from Markov chains. This study employed one they called the B-model of unit steps, for its
simplicity and suitability to the physical description of the process of fatigue in the crack initiation
stage. The hypotheses that serve as a basis for the expansion of the B-K unit step model are [33]:

(1) Damage cycles (DC) are repetitive and of constant severity.
(2) The levels of damage a component will go through until final failure are discrete

(1, 2, . . . , j, . . . , b), and failure occurs at the last level of damage (b). This hypothesis merely
discretizes the total life of the component in b levels.

(3) The accumulation of damage that occurs in each DC depends only on the DC itself and the level
of damage of the component at the start of said DC.

(4) The level of damage in each DC can only be increased from the occupied level at the beginning of
said DC to the next immediate level.

As damage cycles have been defined as constant severity, the Probability Transition Matrix (P)
will be unique and expresses the probability that each DC must be in the same level or the probability
will jump to the next DC. This matrix depends on the pj (probability of remaining in the same DC) and
qj (probability of jumping to the next DC) and is detailed in Equation (1).

P =

⎛
⎜⎜⎜⎜⎜⎜⎜⎜⎝

p1 q1 0 . . . 0 0
0 p2 q2 0 . . . 0
0 0 p3 q3 . . . 0
...

...
...

...
. . .

...
0 0 0 · · · pb−1 qb−1
0 0 0 · · · 0 1

⎞
⎟⎟⎟⎟⎟⎟⎟⎟⎠

(1)

The new vector px is a vector showing the distribution of damage levels for time t = x. Using the
results of Markov chains, vector px is:

px = px−1P = poPx with x = 0, 1, 2 . . . . (2)

Finally, to compute the fatigue life estimators, Neuber’s rule and a random formulation of the
Coffin and Basquin–Manson expressions were employed. Neuber’s rule relates the levels of elastic
stress and strain obtained by a linear elastic analysis with actual levels of stress and strain, in accordance
to the elastic-plastic behavior material [34].

Coffin, for the elastic component of deformations, and Basquin and Manson, for the elastic-plastic
component, proposed a nonexplicit relationship between the fatigue life cycles in the nucleation stage
of a component and the amplitudes of strain. This relation is shown in Equation (3)

Δεep

2
=

σ′
f

E

(
2Nf

)b
+ ε′f

(
2Nf

)c
(3)
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where Δεep is the range of elastic-plastic strain suffered by the component at the crack initiation area;
σ′

f is the fatigue resistance coefficient; ε′f is the fatigue ductility coefficient; b is the fatigue resistance
exponent; c is the fatigue ductility exponent; E is the modulus of elasticity; and Nf is the fatigue
life cycles.

The materials properties necessary to solve this probabilistic model are detailed in Table 2:

Table 2. Material properties for the probabilistic model.

Parameter Value Parameter Value

Δεep 0.352 × 10−2 σ′
f 0.0140 × 106

b −0.1203 ε′f 0.1701
c −0.349

3. Results

3.1. Plates

To obtain a correct clinical behavior, loads must be uniformly distributed throughout the four
plates and transmit small stresses to the maxilla. Figure 9 shows the von Mises stress on the plates.
Stress distribution along the plates is different because of the anatomical geometry of the maxilla,
however, these differences on stress values are very small, as Figure 10 details.

Figure 9. The von Mises stress on plates in MPa.

In Figure 9, the maximum von Mises stresses appeared around the area where the prosthesis
was adjusted to the plate and the body of the plate. The right HENGG-1 plate supported a stress of
185 MPa, while the same plate on the left had a maximum von Mises stress of 179 MPa. Stress on the
right HENGG-2 plate was 168 MPa while in the plate placed on the left, it was 165 MPa.

According to Figure 10, the difference between the maximum von Mises stress in the HENGG-1
right and left plates was 3%, while the difference between the HENGG-2 right and left plates was 2%.
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Figure 10. The von Mises stress values (in MPa).

3.2. Maxilla

All plates showed similar distribution patterns of maximum principal stress over the atrophic
maxilla. The difference in the principal stress value between the four regions in contact with plates
was 5%, with a mean maximum value of 80 MPa in the plates’ region.

3.3. Long-Term Behavior

Failure probability of the situation detailed previously was obtained by employing the
probabilistic methodology. The expected life computed was 1,819,235 ± 22.6 cycles. Then,
the cumulative probability function was computed and represented in Figure 11.

Figure 11. Cumulative probability function.

Figure 11 relates the probability of failure associated with each cycle load. As shown in the
previous figure, the probability was equal to zero until 1,300,000 cycles.

4. Discussion

The biomechanical behavior of CF@O plates on a completely edentulous and atrophic maxilla
was evaluated in the present study by employing finite element methods.

For a few years, there has been a trend towards minimally invasive implant treatment in very
atrophic edentulous jaws and maxillae. The purpose of these concepts is to make an implant
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treatment with a shorter duration and smaller surgical risks [35]. The existence of insufficient
bone can strongly influence the choice of the most appropriate rehabilitation in edentulous patients.
There are several studies available in the literature that have employed different techniques to treat
edentulous and atrophic maxilla, such as basal disk implants [36] or bone augmentation [37]. This study
analyzed a new alternative based on titanium hybrid-plates. The accuracy of the results in numerical
simulation studies depends on the precision of the model analyzed, the material properties, and the
constraining conditions [38]. CT was used to model the geometry of the atrophic maxilla while the
plates were provided by the manufacturer. A real clinical case with four titanium hybrid-plates in
an atrophic maxilla was modeled and analyzed with the goal of knowing the biomechanical behavior
of those plates.

This study had some assumptions and limitations. All materials were considered homogeneous,
isotropic, and linearly elastic. Although these assumptions do not occur in clinical practice, they are
common in finite element studies due to the challenges in establishing the properties of living
tissues. These assumptions are consistent with other numerical studies [22,23,39]. In addition to
these limitations, this work did not analyze the role of pterygoid implants as the goal was to study the
biomechanical behavior of the plates. In that sense, ideal load distribution was considered.

The application of loads on the plates were supposed as an ideal transfer of loads from the
prosthesis to that plate. If there is a good fit between the plate and the prosthesis, forces will be
transmitted uniformly and as it was simulated and assumed in this study.

The ultimate strength in titanium grade II has been described as between 275 and 410 MPa and
the ultimate tensile strength as 344 MPa. From these finite element analysis results, the maximum
von Mises stress values in plates were lower than the ultimate strength [27]. The difference between
the maximum von Mises stress between the distal plates was 3%, while the difference between the
mesial plates was 2%. This difference was due to the different geometry of the maxilla in each area.

Küçükkurt et al. [40] compared the biomechanical behavior of different sinus floor elevations
for dental implant placement. Under the condition of vertical loadings, von Mises stress in mesial
implants were lower than our results in the plates in the case of lateral sinus lifting. However, the plates
analyzed in this study obtained lower von Mises stress values than the prosthetic distal cantilever
application and short implant placement. Regarding the distal implants, our plates obtained lower
stresses than the prosthetic distal cantilever.

Ihde et al. [41] numerically analyzed baseplate implants with a vertical load of 114.6 N and
a horizontal load 17.1 N and obtained a maximum von Mises stress of 400 MPa. Ihde et al. [42]
detailed the von Mises stress in basal implants depending on the bone interface contact (BIC) degree.
In this study, the maximum von Mises stress values were between 649 and 190 MPa. In both cases,
the titanium hybrid plates used and analyzed in this study obtained lower stresses.

Kopp et al. [43] calculated the distribution of stress when basal implants in the mandible were
loaded at two different stages of bone healing. They applied a load of 450 N located in the middle
between the left molar and left canine implant and oriented in a vertical direction. Under these
conditions, the von Mises stress in the basal implants was around 565 MPa.

The ultimate stress is an important value to understand the limits of the behavior of a material.
According to physiological limits (ultimate stress), overloading in the cortical bone has been described
as 170 MPa in compression and 100 MPa in tension [44]. Dos Santos et al. [45] detailed in their study
that cortical bone resorption occurred when stress was higher than 167 MPa. Based on these limits,
the values observed in this model were lower than those considered physiologic to bone tissue. As bone
cannot be considered a ductile material, von Mises stress cannot be calculated in the maxilla. In this
case, principal stresses have to be employed and calculated although some published studies have not
used this kind of stress [39,45,46].

This is the reason why it is difficult to compare the results obtained in the atrophic maxilla of this
study with the results provided in the bone in other published studies.

161



Metals 2018, 8, 573

A good biomechanical behavior of plates is understood when a homogeneous stress is transferred
to the bone. In this case, the maximum difference between the region of all four plates was 5%,
meaning that the principal stress transferred from the plates to maxilla can be considered homogeneous.

Küçükkurt et al. [40] obtained a similar maximum principal stress in maxilla than our results
in the case of short implant placement, and higher principal stress to our results in prosthetic distal
cantilever application.

Clinical failures have generally been observed in the posterior maxilla region. Most of those
failures were observed in bone types 3 and 4, with a highest probability of failures in bone type
4 [47]. According to the results obtained, the mean expected life in this case was 1,819,235 cycles.
As Haug et al. detailed in their study [48], one year of in vivo service corresponds with, approximately,
200,000 cycles. Maló et al. obtained a satisfactory long-term outcome from patients with completely
edentulous, severely atrophic maxillae supported by immediately loaded zygomatic implants alone,
or in combination with conventional implants [49]. The same satisfactory results were detailed in
Migliorança et al. who employed zygomatic implants placed lateral to the maxillary sinus and
combined with conventional implants for a rehabilitation of the edentulous maxilla [50].

Further studies simulating these titanium hybrid-plates alternatives for atrophic maxilla and jaw
that include dynamic forces that occur during chewing and consider the anisotropic and regenerative
properties of bone are needed. Furthermore, some in vivo clinical trials are necessary to validate
the model and to confirm the efficiency of this protocol. A numerical study of the combination of
prosthesis-plates-implant under different functional conditions (bruxism and other parafunctions) just
like the antagonist arcade is also necessary. Finally, a simulation of blood flow and bone regeneration
around the plates is also necessary.

5. Conclusions

Based on the study results, it is possible to conclude that in terms of clinical application, the results
indicate that titanium hybrid-plates proposed as an alternative to severe atrophic maxilla seems to have,
from a mechanical point of view, a better behavior than conventional treatments such as prosthetic
distal cantilever application and short implant placement. Titanium hybrid-plates distributed load
to the maxilla with similar values as short implants but, with higher values than the prosthetic distal
cantilever application. In any case, the resistance limits of bone and titanium were not exceeded.
Long-term outcomes also seemed to be better than those clinical cases to treat atrophic maxilla.
Finally, this technique can be considered as a viable alternative for atrophic maxilla rehabilitation,
although more studies are necessary to corroborate the clinical results. As a clinical implication,
this treatment allows the patient to be provided with functionally adequate prosthetic rehabilitation,
which implies the recovery of their quality of life in a patient with a severe atrophy and, therefore,
with an important challenge to a conventional implant treatment.
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Abstract: (1) Background: Titanium nitride (TiN) electrodes have been used for implantable
stimulation and sensing electrodes for decades. Nevertheless, there still is a discrepancy between the
in vitro and in vivo determined safe charge injection limits. This study investigated the consequences
of pulsing implanted electrodes beyond the in vivo safe charge injection limits. (2) Methods:
The electrodes were implanted for a month and then pulsed at 20 mA and 50 mA and 200 Hz
and 400 Hz. Afterwards, the electrodes were investigated using electrochemical and analytical
methods to evaluate whether electrode degradation had occurred. (3) Results: Electrochemical tests
showed that electrodes that pulsed at 20 mA and 200 Hz (lowest electrical dose) had a significantly
lower charge injection capacity and higher impedance than the other used and unused electrodes.
(4) Conclusions: The electrodes pulsed at the lowest electrical dose, for which no tissue damage
was found, appeared to have degraded. Electrodes pulsed at higher electrical doses for which
tissue damage did occur, on the other hand, show no significant degradation in electrochemical
tests compared to unused implanted and not implanted electrodes. It is thus clear that the tissue
surrounding the electrode has an influence on the charge injection properties of the electrodes and
vice versa.

Keywords: implanted electrodes; electrical stimulation; corrosion

1. Introduction

Titanium nitride (TiN) has been used for implantable electrodes for many decades, starting with
cardiac pacing electrodes [1]. The demands on cardiac pacing electrodes increased when it was desired
to sense the heart rhythm, in order to provide rate-adaptive pacing [2]. Despite the high voltages
applied during cardiac pacing, the electrode polarization should remain low so that the heart signal
can reliably be recorded [1,3]. Porous electrodes were highly desirable for that purpose [4] but the
electrodes should also be biocompatible [1] and corrosion resistant [3].

At the end of the previous century, TiN also received interest as a material for neural stimulation
and recording electrodes [5]. Neural stimulation and recording applications within this field include,
among others, visual prosthesis [6], brain implants [7,8] and cochlear implants [9]. Initially, studies
reported conflicting results [5,6,9], which was likely due to differences in the fabrication method [4].
The majority of studies, however, reported very favourable properties of porous TiN [5,6], which were
due to its large surface area rather than specific material properties [4].

The performance of stimulation and recording electrodes can be evaluated using their safe charge
injection limits (Qinj), charge storage capacity (CSC) and impedance. Qinj is evaluated by comparing
the electrode polarization under pulsing conditions to the safe potential limits established using slow
sweep cyclic voltammetry (CV). The safe potential window is typically defined by the potentials at
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which water reduction and oxidation occurs. CSC is a measure of how much charge can be stored on
the surface of the electrode and is measured using CV. The amount of charge available during fast
pulsing, however, is typically much less than CSC. Impedance magnitude (typically at 1 kHz) can
be used as a measure for battery consumption or recording performance. The lower the impedance,
the better [10].

These properties are typically investigated under in vitro conditions in inorganic saline [5,6,9–20].
However, CSC, Qinj and the impedance spectrum differ under acute and chronic in vivo
circumstances [4,7,8,21–28]. Qinj and electrode polarization have been reported to be significantly
lower after implantation compared to in vitro measurements [7,8,23–27]. Moreover, they have been
reported to decrease during the implanted period, when electrode failure does not occur [7,23–26].

TiN has long been known as a biocompatible [29–31] and corrosion resistant material [3,32,33],
even under cathodic high voltage pulsing conditions [34]. Under anodic conditions, TiN oxidation
reactions may occur, which primarily lead to passivation of these reactions until higher anodic voltages
are reached [32]. At very high anodic voltages, TiN will eventually be degraded [34]. However, as Qinj

is lower when implanted compared to in vitro [7,8,21–27], unsafe voltages may be reached during
pulsing. The aim of this study was therefore to investigate whether implanted TiN electrodes would
degrade during pulsing when Qinj measured in vivo was exceeded but Qinj measured in saline was not.

2. Materials and Methods

Four Göttingen minipigs were implanted with four working electrodes (electrode pins) and four
large surface area pseudo-reference disk electrodes. Minipigs were selected because the subcutaneous
adipose tissue is similar to adipose tissue in humans. The number of electrodes and pseudo-reference
electrodes was chosen in order not to cause excessive discomfort to the animals and thereby also to
increase the homogeneity in the results. The electrodes were made from Ti6Al4V and coated with
porous TiN. The animals recovered from anaesthesia and were monitored for one month before the
corrosion experiments were conducted. The work was carried out according to Danish and European
legislation (ethical approval license no: 2014-15-0201-00268).

2.1. Electrode Fabrication

TiN coatings were deposited on electrode pins (6 mm2) made of a Ti6Al4V alloy and Ti disks
(1000 mm2) by reactive magnetron sputtering on a CC800/9 SiNOx coating unit (CemeCon AG,
Würselen, Germany). The coatings were sputtered from four Ti targets (88 × 500 mm2) with 99.5%
purity in a Ar/N2 mixture atmosphere. The purity of the gases was 99.999% and the Ar/N2-flow was
300 sccm/350 sccm. The deposition time was 21,000 s. The electrodes underwent three-fold rotation
during the coating process.

The electrodes coatings were investigated after deposition using samples taken from the same
batch. Scanning electron microscopy (SEM) (Nova 600, FEI Company, Hillsboro, OR, USA) images
were taken at magnifications ranging from 450× to 25,000× to get an overview of the surface and
to investigate the surface structure of the electrodes in detail. A silicium sample coated in the same
process was used to study the thickness, homogeneity and porous structure of the TiN coating using
SEM. Images were recorded at a magnification of 40,000×.

An ethylene tetrafluoroethylene (ETFE) coated 35N LT wire (Heraeus, Yverdon, Switzerland) was
crimped to the hollow end of the electrode pins. A polyether ether ketone (PEEK) body and silicone
tines were produced using injection moulding to insulate the electrode pins. The tines were first glued
to the PEEK body using a silicone adhesive. The PEEK body with tines was then glued to the electrode
pins also using a silicone adhesive. Further details and figures of the electrode production can be
found in Reference [24]. The electrodes were cleaned thoroughly before they were sterilized by an
overdose of electron-beam processing.
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2.2. Surgical Procedure

For electrode implantation, the animals were anesthetized using Propofol. Small incisions
were made in the back and the electrodes were implanted using a custom-made implantation tool.
This ensured that the electrodes were placed in tight pockets in subcutaneous adipose tissue, which
promotes fast healing and ingrowth. Five electrodes were implanted into each pig, four of which were
used for intense electrical stimulation and one electrode in each pig served as a control. Four counter
electrode disks with a percutaneous wire were also implanted in each pig. The minipigs recovered
from the procedure and were carefully monitored in order to detect and treat cases of infection.
The electrodes were not used for one month until the pigs were anaesthetized again using sevoflurane
to perform electrical stimulation. After the stimulation sessions were completed, the electrodes were
carefully dissected from the tissue. The electrodes were extensively cleaned using demineralized water
and alcohol, they were then rinsed and stored dry, so that they could be further investigated.

2.3. Electrical Stimulation

Electrical stimulation was performed using a DS5 (Digitimer, Hertfordshire, UK) per electrode.
The device was shorted between the pulses using a custom-build set-up to prevent drifting of the
baseline potential. Biphasic, charge balanced 200 μs square pulses were applied, cathodic first with an
inter-phase interval of 40 μs during which no current was applied. Stimulation was performed for 6 h
in total, divided into three 2-h sessions. Before, between and after these sessions, voltage transient
measurements (VTM) were recorded for each electrode using a VersaSTAT 3 potentio-galvanostat
(Princeton Applied Research, Oak Ridge, TN, USA).

Four stimulation paradigms were applied:

• Group 1: 20 mA, 200 Hz
• Group 2: 20 mA, 400 Hz
• Group 3: 50 mA, 200 Hz
• Group 4: 50 mA, 400 Hz

During pilot experiments, it was verified that the group 1 stimulation paradigm did not cause
tissue damage after one week of implantation (see Figure S1). To cause electrode damage, we decided
to increase 2 parameters: stimulation frequency and stimulation amplitude. The stimulation frequency
was doubled, which was expected to cause electrode damage due to an increasing trend in the
inter-pulse potential [35]. The stimulation amplitude was set to the maximum the DS5 can deliver,
which was expected to cause electrode damage by increasing the electrode potential during stimulation.
It was expected that group 2–4 protocols would result in tissue damage; therefore photographs were
taken of the tissue surrounding the electrodes to document the amount of tissue damage. However,
the focus of this study is corrosion and the electrodes were thus investigated more extensively using
electrochemical and analytical methods.

During stimulation, the voltage transients were recorded every 30 min using an oscilloscope.
From these voltage transients, the resistive drop after pulse cessation (IR-drop) was calculated as [10]:

IR-drop = Epulse_end − Epulse_end+40 (1)

where Epulse_end is the recorded potential at the end of the cathodic pulse and Epulse_end+40 is the
potential 40 μs after pulse cessation (see Figure 1) [10]. Emc and Ema are the maximum cathodic and
anodic voltage excursions after IR-drop is subtracted from the original voltage transient.
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Figure 1. IR-drop, dV/dt, Emc and Ema are derived from the original data, while in the manuscript
normalized data are presented. The data is normalized by subtracting the IR-drop and setting the
pre-pulse potential to 0.

VTM before, between and after the stimulation blocks, was performed using the VersaSTAT 3
potentio-galvanostat using the same stimulation pulse.

The pulsing capacitance (Cpulse) was computed using the slope (dV/dt) of the voltage transient:

Istim = Cpulse· dV
dt

(2)

where Istim is the stimulation current (1 mA while implanted and 5 mA in the electrochemical
characterization). Qinj was calculated using the current (Imax) at which Emc or Ema reached the
safe potential limits (−0.6 and 0.9 V vs. open circuit potential, respectively) [10,24]:

Qinj =
Imax·t

A
(3)

where t is the pulse duration (200 μs) and A is the geometrical surface area of the electrodes (6 mm2).
When voltage excursions exceeded machine limits (±10 V), Imax was extrapolated from the highest
current assuming a linear relation.

Vext = Vm

(
1 +

Iext − Im

Im

)
(4)

where Vm and Im were the measured potential and current, respectively, and Vext and Iext were the
extrapolated potential and current. When Vex reached the potential limits, Iext was used as Imax in (3).
This method provided accurate results using data for which Imax was measured.

2.4. Coating Characterization

After explantation, all electrodes were characterized using SEM and energy-dispersive x-ray
spectroscopy (EDX). The electrochemical properties were investigated using electrochemical
impedance spectroscopy (EIS), CV and VTM. Two electrode groups were added to the 4 groups
of active implants, therefore these measurements were performed on six electrode groups:

• Group 1: implanted—20 mA, 200 Hz
• Group 2: implanted—20 mA, 400 Hz
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• Group 3: implanted—50 mA, 200 Hz
• Group 4: implanted—50 mA, 400 Hz
• Group 5: implanted controls
• Group 6: not implanted controls

SEM (Nova 600, FEI Company, Hillsboro, OR, USA) images were recorded at magnifications
varying from 450× to 10000× to obtain an overview of the surface and to investigate in detail the
surface structure of the electrodes. SEM images of the not implanted control electrodes (group 6) were
made, both to compare to the other electrode groups, as well as to investigate the uniformity of the
coating after deposition. Further SEM analysis was carried out on a Si-wafer which was coated in the
same process as the electrodes. The Si-wafer was mounted in a manner similar to the electrodes and
the measured thickness is representative for the coating thickness on the electrodes. The advantage
of using Si-wafer is that a cross-section analysis of the coating can be done easily. EDX (EDAX,
AMETEK, Leicester, UK) spectra were made to investigate the chemical composition of the coatings
after deposition and to determine whether the surface chemistry of the electrodes changed after having
been implanted and after intense pulsing.

Electrochemical characterization measurements were performed in an electrochemical cell at room
temperature using phosphate buffered saline as the electrolyte. The measurements were performed in a
3-electrode set-up, using the above mentioned porous TiN electrodes as working electrodes (0.06 cm2),
a Ag|AgCl reference electrode (1.6 cm2) and a platinum foil counter electrode (50 cm2).

Solartron, Model 1294 in conjunction with 1260 Impedance/gain-phase Analyzer (Solartron
Analytical, Farnborough, UK) were used to perform EIS measurements. Accompanying SMaRT
software was used to run the measurements. A sinusoidal current was used at frequencies from
0.1 Hz to 100 kHz, with 10 measurements per decade. Three different currents (5, 10 and 50 μA) were
used to ensure that the measurement currents were in the linear operation range of the electrode [36].
An integration time of 10 s was used to obtain a reliable and noise-free signal.

Cyclic voltammetry (CV) was performed by cycling the electrode potential was cycled between
the safe potential limits (−0.6 and 0.9 V vs. Ag|AgCl) previously established for similar electrodes [24].
The sweep rates used for CV were 0.05, 0.1, 0.5 and 1.0 V/s. Ten cycles were made at each sweep rate,
the last cycle was used for data analysis. The cathodic charge storage capacity (CSC) was derived from
the CV by taking the integral of the CV below the zero-current axis [10].

VTM were conducted in the same manner as described above for the implanted electrodes, except
the 3-electrode setup and the electrochemical cell were employed. The maximum charge injection limit
(Qinj) and pulsing capacitance (Cpulse) were derived according to Equations (1)–(3).

2.5. Statistics

The data recorded during the 2-h pulsing sessions using an oscilloscope were filtered using a
low-pass Butterworth filter (passband 5 kHz, stopband 15 kHz). Emc and IR-drop were then normalized
to the first measurement (session 1, start). Emc was selected for statistical analysis to represent the
electrode polarization and IRdrop, as a measure of the tissue resistance. Before, between and after the
pulsing sessions, voltage transients were recorded using the VersaSTAT 3 (Princeton Applied Research,
Oak Ridge, TN, USA). From these voltage transients Qinj and Cpulse were used to further quantify the
electrochemical performance of the electrodes. A linear mixed model was used to statistically analyse
the data. Parameters (group, session, time and combinations thereof) were added stepwise to the
model, until adding another parameter did not make a significant difference to the model.

One-way ANOVA was used to investigate the electrochemical properties of the electrodes after
explantation (electrochemical cell setup). The following electrochemical properties of the 6 different
electrode groups were used for statistical analysis:

• Cathodic CSC at 0.05 and 1.0 V/s
• Impedance magnitude at 0.1 Hz
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• Qinj

Significant findings are reported at p-values smaller than 0.05.

3. Results

All implantations were carried out without any complications. The animals recovered well from
the surgery and no infections were observed during the month the electrodes were implanted.

3.1. General Coating Characteristics

In contrast to the well-known yellow-golden coloured TiN, the coatings on the electrodes had
a brownish colour. To analyse the structure and chemical composition of the coating, the electrodes
were studied in SEM and EDX. The overview SEM image (Figure 2a) shows a uniform coating on the
electrode and in the corresponding EDX spectrum (Figure 2b) the expected peaks belonging to Ti and
N are present. The quantification of the amounts of Ti and N from an EDX spectrum is difficult because
the K-line of N and the L-line of Ti are very close. Here, numbers close to a 1:1 atomic ratio of Ti to
N are found (note that weight-% is used in Figure 2b). The SEM images in Figure 3a clearly show a
faceted structure, typical for TiN deposited at high pressure. The cross-section SEM image in Figure 3b
shows the porous morphology of the coating as well. The coating thickness is approximately 6 μm.

Figure 2. (a) Scanning electron microscope (SEM) image of the coated electrode. The indicated region
is the area over which EDX was performed. The scale-bar is 500 μm. (b) Typical energy dispersive
X-ray spectroscopy (EDX) spectrum corresponding to the area indicated in (a).

  
Figure 3. (a) Top-view (magnification: 25,000×) and (b) cross-section SEM images (magnification:
40,000×) of TiN coating on Si-wafer. Scale bar: 1 μm.
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3.2. Changes in Electrochemical Properties during Intensive Pulsing

The shorting part of the setup broke down during the last series of measurements. The last two
stimulation sessions could therefore not be completed with one of the electrodes in the 20 mA—00 Hz
group. The data obtained with this electrode after the breakdown was not used in the analyses.

The significant parameters of the statistical model for IR-drop were: Time, Session,
Group × Session and Time × Session. For Emc, Group was an additional significant parameter of the
statistical model. Figure 4 shows that the results for IR-drop and Emc were similar. Both IR-drop and
Emc were significantly larger during session 1 compared to sessions 2 and 3 for electrode groups 2,
3 and 4. IR-drop and Emc were only significantly larger during session 1 compared to sessions 2 and 3
at the 30 and 60 min measurements. Figure 4a,b also show that IR-drop (for groups 2, 3 and 4) and Emc

(all groups) were significantly larger after 30 and 60 min of pulsing compared to after 90 and 120 min
of pulsing during session 1.

  

  
Figure 4. (a) IR-drop increased from baseline and then decreased during the first pulsing session for
electrode groups 2, 3 and 4. (b) During session 2 and 3 (shown), an increase in IR-drop was seen
from the start of stimulation, after which IR-drop remained stable. The IR-drop of group 2, 3 and 4
electrodes was significantly smaller during sessions 2 and 3 compared to session 1. (c) The same trend
was observed for Emc of all electrode groups but to an even greater extent (notice the axis). (d) An
increase in Emc was also observed from the start of stimulation during sessions 2 and 3 (shown). Emc of
group 2, 3 and 4 electrodes was also significantly smaller during sessions 2 and 3 compared to session 1
but notice again the difference in the axis of IR-drop and Emc.

Emc of group 1 electrodes was significantly larger than Emc of group 2, 3 and 4 electrodes in all
sessions. During session 2, Emc of group 2 electrodes was significantly smaller than Emc of group 1 and
3 electrodes and during session 3 Emc of group 2 electrodes was significantly smaller than Emc of group
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1, 3 and 4 electrodes. Figure 4c,d show that IR-drop and Emc of all electrode groups was significantly
smaller at the start of stimulation compared to after 30, 60, 90 and 120 min of pulsing during session 3.
The same was found for session 2.

3.3. Changes in Electrochemical Properties between Pulsing Sessions

For both Cpulse and Qinj, the significant fixed effects were: Time, Group and Time*Group.
The results of the statistical analysis for Cpulse and Qinj were identical, except for a baseline difference
between electrode groups observed for Qinj (p = 0.045). Qinj of group 2 electrodes (8.3 ± 2.4 μC/cm2)
was significantly smaller than Qinj of group 3 and 4 electrodes (15.8 ± 2.4 μC/cm2).

Figure 5a,b show that Qinj and Cpulse, respectively, of group 1 electrodes did not change
significantly. For group 2, 3 and 4 electrodes, Qinj increased significantly to values of
26.45 ± 2.7 μC/cm2, 50.00 ± 2.4 μC/cm2 and 52.50 ± 2.4 μC/cm2, respectively, after 6 h of
intense pulsing. Cpulse of electrode groups 2, 3 and 4 increased significantly to capacitances of
54.1 ± 5.4 μF/cm2, 97.1 ± 4.9 μF/cm2 and 106.0 ± 4.9 μF/cm2, respectively. Figure 5c,d show that the
increase in Cpulse caused a decrease in electrode polarization. This decrease in electrode polarization
led to an increased Qinj.

   

  
Figure 5. (a) After the first pulsing session Qinj was increased compared to before pulsing for electrode
groups 2, 3 and 4. (b) The same was observed for Cpulse of electrode groups 2, 3 and 4. (c) Normalized
voltage transients recorded before pulsing at 3 mA. (d) Normalized voltage transients recorded at 3 mA
after 2 h of pulsing.

Electrode group 1 had a significantly smaller Qinj than all other electrode groups after the first
pulsing session, which remained after the second and third pulsing session. Furthermore, electrode
group 2 had a significantly smaller Qinj than electrode groups 3 and 4 after the first pulsing session.
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This difference also remained significant after pulsing sessions 2 and 3. The same group differences
were observed for Cpulse.

3.4. Electrochemical Characteristics after Explantation

The results of the electrochemical characterization in phosphate buffered saline were largely
consistent across measurements, as shown in Figure 6. Group 1 electrodes had a significantly smaller
CSC at 0.05 and 1.0 V/s and a significantly larger impedance magnitude at 0.1 Hz compared to all
other electrode groups. They also had a significantly smaller Qinj compared to group 2 electrodes
and the control electrodes in groups 5 and 6. But the Qinj of group 1 electrodes was not significantly
different from group 3 and 4 electrodes.

 

  

Figure 6. (a) The impedance magnitude was significantly larger for electrode group 1 compared to the
other electrode groups, which was implanted and pulsed at the lowest electrical dose. (b) The cyclic
voltammogram shows that the charge storage capacity of electrode group 1 was significantly smaller
than the other electrode groups. (c) The normalized voltage transients at 5 mA show that the slope
of the group 1 electrodes was larger than the slopes of the other electrode groups but no significant
difference was found for Cpulse. (d) Qinj of group 1 electrodes was significantly smaller than Qinj of
group 2, 5 and 6 electrodes.

3.5. Coating Properties after Explantation

SEM images (see Figure 7) showed that the electrode surfaces were intact after 6 h of intense
stimulation. The coatings were all undamaged and had the same faceted structure, which is typical
for TiN, as the electrodes had after deposition of the coating. Figure 7 indicates that there were
no differences in chemical composition of group 1 and group 4 electrodes. The EDX spectra of all
electrodes in all groups showed similar levels of titanium, nitrogen and oxide.
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Figure 7. (a) Close-up SEM image (magnification: 10,000×) of an electrode in group 1 (20 mA—200 Hz),
showing that the surface structure is still intact (scale bar: 10 μm). The same is true for (b), showing
the detailed structure of an electrode in group 4 (50 mA—400 Hz, scale bar: 10 μm, magnification:
15,000×). (c) Overview SEM (magnification 450×) and corresponding EDX images of an electrode in
group 1 show that the chemical composition of the electrode surface after pulsing was very similar to
(d) the chemical composition of the electrode surface of an electrode in group 4. Also visualized by an
overview SEM (magnification 450×) and corresponding EDX images of an electrode in group 4.

4. Discussion

Several previous studies [37–39] have shown that TiN coatings grown at high N-partial pressures
become porous. These coatings have a brown colour that clearly distinguish them from the standard
golden-coloured TiN used on tools and components. For use in electrode applications, it is essential
to use the porous type of TiN coating as they have a high effective surface area, which in turn leads
to a low impedance [3,4]. Cunha et al. [39] did a systematic study of the influence of N-content of
the morphological structural and electrochemical properties of TiN coatings. In the case of high
N-content (Ti:N ratio 1:1.34), these authors obtain results similar to ours regarding the coating
morphology. The reason for the discrepancy in chemical composition (in our case we measure a
Ti:N ratio 1:1 with EDX) could be that Cunha et al. [39] have determined the chemical composition
using Rutherford Backscattering Spectrometry, which provides a more precise determination compared
to EDX. Other studies have found that porous near-stoichiometric TiN coatings can be obtained just by
adjusting the energy available during film growth [40].

Six groups of electrodes were used in this study, five of which were implanted and four of which
were used for 6 h of intense pulsing at different electric doses:

• Group 1: 20 mA, 200 Hz
• Group 2: 20 mA, 400 Hz
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• Group 3: 50 mA, 200 Hz
• Group 4: 50 mA, 400 Hz
• Group 5: implanted controls
• Group 6: un-implanted controls

During intense pulsing, IR-drop was derived from the voltage transients as a measure of tissue
impedance and Emc was used as a measure of electrode polarization. Between the three 2-h pulsing
sessions, Qinj was evaluated and from these voltage transients Cpulse was derived.

No significant changes were observed during intense pulsing for group 1 electrodes, receiving the
lowest electrical dose. For group 2, 3 and 4 electrodes the IR-drop and Emc decreased and Qinj and
Cpulse increased. The stability in pulsing properties of group 1 electrodes together with the fact that
these electrodes received the lowest electrical dose, would intuitively lead to the expectation that these
electrodes did not corrode [4,7,8,23–26]. For group 2, 3 and 4 electrodes, on the other hand, it could be
expected that corrosion may have occurred, even though the observed electrochemical changes are
favourable in the light of pulsing capability (higher charge injection, lower electrode polarization).
Passivation at high anodic potentials was the main expected corrosive reaction [33,34], leading to
decreased pulsing capability. Excessive bubbling due to water reduction [34], however, may lead to
cracking of the coating. This could increase the surface area and thereby lead to an apparent increase
Qinj. The results of the electrochemical characterizations after explantation showed that group 1
electrodes had significantly deteriorated electrochemical properties compared to all other electrode
groups. Group 2, 3 and 4 electrodes, on the other hand, had no different electrochemical properties
after explantation than the two control groups (5 and 6).

Analytical investigations could neither confirm nor reject the electrochemical results. SEM images
show that all coatings seemed to be intact. EDX spectra did not reveal differences between the harshest
and mildest stimulated electrodes either. However, it must be noted that it is difficult to distinguish
between the oxygen and nitrogen signal using EDX because the K-peaks of the two elements are quite
close. As oxidation of the coating could have occurred, other analytical methods have been attempted
(X-ray photoelectron spectroscopy and Time-of-Flight Secondary Ion Mass Spectrometry) in order to
detect any differences in oxygen amounts. Preliminary results were unsuccessful, mainly because the
geometry and size of the electrode is quite challenging in both the experimental set-ups. It is, however,
very unlikely that the coating oxidized without showing any signs of damage. Norlin et al. [34] show
SEM images porous TiN electrodes after anodic pulsing, which are severely damaged. For the current
electrodes no signs of damage were found using SEM and EDX analysis.

Corrosion studies of stimulation electrodes have been performed extensively in saline [3,34,41–43].
Some studies found that the damage threshold is exactly at the water window limit [43], others suggest
that the water window limit may be too conservative under pulsing conditions [41,44] and yet others
suggest that corrosion may occur even within the limits of water reduction and oxidation [42]. TiN has
been most extensively investigated by Norlin et al. [3,34,45]. Their pulsing study was carried out using
700V pulses of both anodic and cathodic polarity [34]. As expected, TiN showed severe corrosion upon
anodic pulsing but was stable when cathodic pulses were applied. The voltages recorded in this study
during constant current pulsing were, however, a factor 15–30 smaller. In a later study, the electrodes
were aged using more conservative voltages (−3 and 1 V vs. Ag|AgCl), corresponding to 4 months
of use based on the charge passed [3]. TiN proved very stable, which was expected, as high anodic
voltages were avoided. In the current study, very high anodic voltages were also avoided by using a
cathodic first stimulation paradigm. Anodic voltages between 1 and 3 V (vs. open circuit potential)
were observed with the highest voltages in the 50 mA groups (groups 3 and 4). No signs of corrosion
were observed for the electrodes in those groups, while corrosion of the anodically pulsed samples by
Norlin et al. [34] was obvious in SEM images.

It has also been shown before that safe limits obtained in inorganic solutions do not necessarily
apply to electrodes in protein containing solution [46] and implanted electrodes [47,48]. It was therefore
concluded that proteins must protect the electrode surface against corrosion [46,48,49]. However,
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Qinj was never measured in vivo for these electrodes and it is therefore unclear whether or not it
was exceeded [47,48]. The in vitro water window limits for platinum were not exceeded in either
of the studies but in both studies corrosion was observed nevertheless [47,48]. Shepherd et al. [48]
argue, however, that corrosion was not stimulation-induced but due to production failures. In the
current study, Qinj (measured in vivo) was exceeded for all stimulated electrode groups (1, 2, 3 and
4) during all stimulation sessions. However, group 1 and 2 electrodes were pulsed at approximately
20% of Qinj as measured in saline and groups 3 and 4 electrodes were pulsed at approximately 50%
of the in vitro Qinj. Robblee et al. [47] stimulated their electrodes at approximately 5% and 30% of
Qinj in vitro. They observed platinum dissolution for all electrodes pulsed at 30% of Qinj (in vitro)
and less for electrodes pulsed at 5%. Shepherd et al. [48] stimulated the electrodes at 5-10% of Qinj

in vitro but concluded that the observed corrosion was not stimulation-induced. This makes it obvious
that in vitro safe limits cannot be applied in vivo. However, it does not rule out that limits measured
in vivo using techniques developed in vitro may be too conservative.

Interestingly, we found that corrosion most likely occurred for the electrodes pulsed at the lowest
electrical dose (group 1 electrodes; 20% of Qinj in vitro and 200 Hz). As group 2, 3 and 4 electrodes
showed no signs of corrosion in the electrochemical characterizations after explantation, the occurrence
of corrosion seems not only dependent on the electrode potentials or charge delivered. We suspect that
the occurrence of corrosion is not only medium dependent (organic vs. inorganic, basic vs. acidic) but
also tissue dependent. Although tissue damage was not the focus of this study, it seems to play an
important role. No tissue damage seems to have occurred for electrode group 1, while tissue damage
with increasing severity occurred for electrode groups 2–4 (see Figure S2). The lack of tissue damage
for electrode group 1 is confirmed by the lack of change in IR-drop, which is representative of tissue
impedance [10]. The same amount of charge density per phase was injected for electrode groups 1
and 2 but due to the increased frequency tissue damage is likely to have occurred in group 2 [50,51].
Tissue damage obviously occurred in electrode groups 3 and 4 (see Figure S2). Based on the IR-drop
data, it appears that the tissue was damaged during the first hour of the first pulsing session for
electrode groups 2, 3 and 4. It seems that a new electrode-tissue interface was formed that remained
during pulsing session 2 and 3. This new electrode-tissue interface allowed for more charge injection,
as Qinj and Cpulse were significantly increased after the first pulsing session compared to before pulsing.
And although the electrodes were still pulsed beyond the increased Qinj in vivo, the formation of a
new electrode-tissue interface and corresponding increase in Qinj may thus have prevented corrosion.

The electrode-tissue interface appears to play a very important role with regards to the occurrence
of corrosion. These results can therefore only be applied to stimulation electrodes implanted in
adipose tissue, like ours [23,24,52] and like Bion [53] for example. They cannot be applied to
implants in the brain [47], the cochlea [48] or the blood stream [1,2,4]. Furthermore, our electrode
is a macro-electrode (0.06 cm2). There are indications that different charge injection limits apply to
smaller microelectrodes [51]. These results might therefore not apply to microelectrodes. Lastly, as it is
challenging to work with larger animals, such as minipigs, the number of animals is low compared
to rodent studies for example. The results, however, are consistent across measurements and rather
homogeneous within the electrode groups and were thus statistically significant.

With the recent increase in investment in “electroceuticals,” the development of novel, smaller
and more sophisticated implants may be anticipated [54]. It is therefore more important than ever
before to establish safe limits that apply to these specific implants [51]. We show that this is not only
relevant in the light of tissue damage but also with respect to corrosion and long-term electrochemical
performance of the implants. In the light of tissue damage due to corrosion, TiN appears to be a very
suitable material for implants. There seems to occur no dissolution of the material [55], like with Pt [46]
and IrOx [43]. As long as very high anodic potentials are avoided [34], we show that no corrosion
occurs even after almost 9 million pulses. When corrosion does occur, its product (a passivation layer)
remains attached to the electrodes and is not harmful to the tissue [33,55].
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5. Conclusions

It was long suspected that in vitro safe limits established for implantable electrodes may not
be applicable in vivo, which we confirm here. We also show that the type of tissue in which the
electrode is implanted has an influence on safety limits. Biocompatibility and corrosion resistance
cannot be viewed as two separate properties of implantable stimulation (and sensing) electrodes.
Tissue responses influence the electrochemical behaviour of implanted electrodes and use of the
electrodes influences the tissue surrounding the electrodes. It is therefore of great importance that safe
limits are established for each electrode depending on the tissue in which it will be implanted.

Supplementary Materials: The following are available online at http://www.mdpi.com/2075-4701/9/4/389/s1,
Figure S1: (a) Tissue around the tip of an electrode stimulated at 20 mA-200 Hz after 1 week of implantation.
The tissue was stained using haematoxylin and eosin (H&E), which is the most commonly applied stain in medical
diagnostics. Some inflammatory cells can still be observed but capsule formation has begun to take place. (b) Cells
around the silicone part of the electrode appear very similar to those around the electrode tip, indicating no signs
of stimulation-induced tissue damage. Figure S2: (a) The tissue around electrodes in group 1 showed no signs
of tissue damage upon sacrifice. (b) The tissue around electrodes in group 2 showed some redness around the
electrode tip, which likely is due to tissue damage. (c) The tissue around the electrode tips of electrodes in group 3
showed obvious tissue damage but the tissue around the insulated parts was unaffected. (d) The tissue around
the electrode tips of electrodes in group 4 showed even more extensive tissue damage and bleeding. Nevertheless,
the tissue around the insulated parts was unaffected.
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