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a b s t r a c t
The reduction of stress shielding following Segmental Bone Defect (SBD) repair requires stiffness matching strategies. Accordingly, this work introduces a Ti6Al4V (Ti64) SBD tibial implant that mimics the segmented bone
anatomy using a digital bio-model derived from X-Ray μCT Scan data. The implant features a sheathed periodic
unit cell design that can perform slightly lower than the segmented bone being replaced for potential stiffness
matching. Finite Element Analysis (FEA) was carried out for the selection of unit cell and to predict the implant
performance. The results were then compared to compression test data from a Ti64 Grade 23 implant
manufactured using Direct Metal Laser Sintering (DMLS) to assess predictability. The outcome of this research
shows an anatomical stiffness matched design that maybe suitable for SBD repair of a tibial segment that can
be manufactured using DMLS. The developed implant exhibits Young's Modulus (E) of 12.03, 11.94 and
14.58 GPa using Maxwell's criterion, FEA and experimental (highest) methodologies respectively. This is slightly
lower than the segmented bone that exhibited 18.01 GPa (ETibia) to allow for stiffness matching following a period of osseointegration depending on ‘critical size’. Furthermore, the surface roughness of the implant was found
to be favourable for osteoblasts attachment.
© 2018 Elsevier Ltd. This is an open access article under the CC BY-NC-ND license
(http://creativecommons.org/licenses/by-nc-nd/4.0/).

1. Introduction
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Segmental Bone Defect (SBD) repair of defective bone remains a
challenge due to complications that arises from anatomical mismatch
and bone reintegration due to stress shielding [1]. Additive Manufacturing (AM) enables tailored porous material to be designed with desirable
mechanical properties [2]. This is primarily due to the effectiveness of
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the process to deliver open or closes cellular architecture with dimensional accuracy [3]. Historically orthopaedic implants have been
manufactured using cast or forged solid pieces of metal, that are 4–8
times stiffer than natural bone. These traditional manufacturing processes were a barrier to generating complex geometrical cellular features that can vary the strength of Ti64 implants to make the implant
perform like bone [4].
Previous studies have shown that cellular structure architecture can
affect both mechanical and bio-compatibility properties [5]. The biocompatibility of commercially used Ti64 titanium alloy (Ti6Al4V) is
well founded in medical environments [6,7]. However, the use of traditional Ti64 implants in-vivo presents mechanical property mismatch
due to the phenomenon of stress shielding [8–12]. This is primarily
due to the signiﬁcant difference between the Young's Modulus, of Ti64
(≈115 GPa) and the corresponding value of the bone to be replaced,
which is generally in the range of 18.6 to 20.7 GPa for cortical bone [13].
This stiffness mismatch between Ti64 and segmented bone is detrimental to bone–implant assembly and often leads to bone resorption,
osteopenia, loosening of the implant, premature bone fracture and the
reduction of bone density [14,15]. The solution to this is to avoid stress
shielding by developing implants that can match the stiffness of the
bone [16] after a period of bone regrowth by promoting
osseointegration [17,18]. For titanium-based alloys, numerous research
efforts are evident in published tissue engineering literature [19–21].
However, attempts on implant-based SBD repairs in long bone close to
2 cm [22] shows that large amounts of bone will not grow into such
an implant above ‘critical size’ [23,24] despite effective porosity. Consequently, the standard of care for segmental, critical size, bone defects is
autologous bone graft [25]. Furthermore, achievements have also been
made in design of scaffolds that mimic the mechanical behaviour of natural bone. However, these methodologies do not consider the global anatomical geometry of the segmented bone coupled with potential
stiffness matching strategies.
A further criterion that is often omitted when considering implant
performance is maladapted stress concentration. Tibial bone crosssection is a dynamic structure that has the capacity to respond to physical stimuli as mentioned by Eckstein et al. [26]. Due to this, tibial bone
area is prone to cartilage defects and cartilage volume loss in certain
cases [27], whereby the bone area appears maladaptive due to stress
concentration from disproportionate load transmission [28]. However,
during adolescence and childhood stimulus due to exercise or physical
activity leads to increased cortical bone size, leading to increased bone
mass [29]; therefore, increased bone area during growth may reﬂect
adaptive change. Accordingly, to reduce maladapted stress concentration, it is fundamental that the implant introduced into the host bone
do not contribute to disproportionate load transmission. While this required the implant performance to be studied in conjunction with the
host-bone as single continuum bodies with contact areas carefully
modelled, this study only considers implant stiffness in isolation
which is a key limitation that warrant mentioning.
Developments of AM techniques have enabled the successful production of metallic scaffolds and other complex geometries in
titanium-based alloys [30]. Particularly, the Direct Metal Laser Sintering
(DMLS) have solved key manufacturing challenges such as micro-scale
cellular geometry, and functional grading [31,32]. The structure of
bone tissues is naturally heterogeneous and complex. Consequently, efforts have been placed to develop implants focusing on the creation of
simpliﬁed models which are functionally similar to the host bones [33].
X-Ray Computed Tomography (CT) can improve implant design by
providing key insight into anatomical architecture. CT technologies are
well founded within medical and engineering sectors [34], enabling
the generation of three-dimensional (3D) bio-models [17,18,35].
Coupling this with AM can enable the production of anatomical products derived from bespoke bio-models. Furthermore, additively
manufactured meta-biomaterials have shown to improve bone regeneration and osseointegration [5].

Practical SBD repair implant designs include regular structures with
controllable geometries and irregular anatomic architecture. However,
the anatomic architecture derived from CT or MRI images feature random porosity and microstructural features that are challenging to manufacture [36]. Consequently, the alternative approach is to model
regular cellular structures using Computer Aided Design (CAD) tools
[37,38].
These CAD generated cellular models for bone implants often feature
a base unit cell, that is then multiplied to obtain the desired global geometry. Regular cubic, honeycomb matrix, octahedral unit and Kelvin
cells has been widely used in the designs of various implants [16,39].
However, most of these implants feature open cellular non-anatomic
design that are safety critical due to geometrical animalities such as tapered ends.
The mechanical properties of cellular structures at micron (μm)
levels are highly correlated with the unit cell and the manufacturing
process. Consequently, it is important to have a design with predictable
behaviour to optimise manufacturing parameters and to ensure repeatability. Numerical simulations based on the Finite Element Method
(FEM) are often employed to predict the behaviour of cellular structures
considering the geometrical complexity. In most cases Finite Element
Analysis (FEA) was used to predict the effective Modulus and associated
mechanical behaviour. These properties were then validated using mechanical tests to estimate percentage error for further extrapolation
[40,41]. The validated FEA data can be further compared to investigate
the effects of manufacturing techniques on implant performance.
For honeycomb inspired cellular structures, works of Chen et al.
[42,43] has enabled the understanding of both the thermal and compressive behaviour. The studies showed that bio-inspired ‘Kagome’
[44] and Triangular hierarchical honeycombs exhibit improved speciﬁc
stiffness in comparison to regular honeycomb cellular structures. While
the outcomes cannot be directly linked to the application of bone implants; the associated design parameters are transferable for potential
stiffness matching strategies and is worth exploring.
At a material level commercially, pure titanium (Ti) is also receiving
attention in medical applications. The key limiting factor in this regard
was the requirement for improved mechanical properties biomechanical compatibility. However, pioneering works by Attar et al. [45] has manipulated AM parameters with Ti grain size range up to 100 μm to
produce fully dense parts that do not require post-treatments resulting
in improved compressive strength (1136 MPa). This shows the potential of AM parameters in optimising the structural performance of Ti
based alloys. Strength characteristics of open square cellular structures
manufactured using AM were investigated under uniaxial compression
by Parthasarathy et al. [46]. Here the strength was dependent on the
strut size and no weakness of connecting layers was observed.
While unsheathed cellular designs offer high level of customisation
for Ti64 to match the Young's Modulus of the host bone, this is not without potential safety risks. Metal debris can be released from the tapered
junction in open cellular designs that can cause adverse soft tissue reactions once implanted [47]. To this aspect, there is signiﬁcant gap in the
literature relating to the mechanical performance of both sheathed
and anatomical implants which this study attempts to contribute.
While, mimicking the host bone geometry in a SBD repair is not a requirement doing so may be advantageous. The usual approach is to develop implant design that match the stiffness while un-interrupting the
normal loading pattern of a healthy bone in a biocompatible material
that does not lead to infection. However, this research was exploratory
in the sense that, it aided the understanding of the compressive behaviour of an arbitrary anatomical implant design that feature stiffness
matching strategy.
It was interesting to explore the aspect of anatomically matched geometry as it was thought to support the natural load transfer with the
host bone. Furthermore, where the dimensions of the segmental defect
considered are arbitrary, the bone to implant contact area may be enhanced due to the anatomical match of the contact surfaces. Lastly the
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aspect of coupling anatomical geometry with cellular structure
stiffness-matching provided non-uniform radial grading due to the difference in cell-size imposed by the anatomy. In any case, the compressive behaviour of an implant that combine anatomical and stiffness
matching strategy was unavailable in literature leaving a knowledge
gap. Accordingly, for the ﬁrst time, this paper presents the mechanical
performance of a sheathed but cellular anatomical Ti64 implant featuring an arbitrary length but avoids topological taper at the same suitable
for stiffness matching. Furthermore, the strategy to mimic the anatomical shape of the segmented bone utilising both X-Ray CT and DMLS [48]
technologies is also demonstrated. This is done through the generation
of a bespoke bio-model of the tibial segment and placing linearly multiplied unit cells to match the anatomical proﬁle. FEA was then performed
to predict the performance of the implant under compression and to
quantify the effect of the DMLS manufacturing process. Under identical
boundary conditions, mechanical tests were performed to validate the
numerical results. The implant prototype was further characterised
using Confocal Laser Scanning Microscopy (CLSM) to investigate the
surface roughness and microstructure respectively. It is hypothesised
that the design and manufacturing methodology will provide Ti64 anatomical sheathed SBD repair implants with Modulus slightly lower than
the segmented tibia. It is proposed that the implant manufactured using
DMLS could have the potential to improve the load transfer to the host
bone and improve the longevity of Ti64 SBD repair implant.
2. Materials and methods
2.1. Generation of anatomical proﬁle
From the tibia bone shown in Fig. 1a, an arbitrary section was cut
using a rotary saw blade. The selection of the arbitrary length was inspired from the works of Reichert et al. [22] where a Tibial Segmental
Bone Defect of 2 cm was replaced entirely with a composite scaffold.
Nevertheless, it must be noted that that large amounts of bone cannot
grow along a length of 21.2 mm length as it is over the “critical size”
at which the body cannot heal unaided as established by Schmitz and
Hollinger [23]. Accordingly, the selection of the ‘segmental length’ was
purely arbitrary and is not representative of an actual defect that the implant tries to intervene in practice. Instead, the research is exploratory
to understand the compressive performance while combining the anatomical proﬁle with cellular stiffness matching strategy. Nevertheless,
it is anticipated that the results can have impact on anatomical tissue
engineering scaffolds and related research in the wider context.
The resulting segmented bone section (Fig. 1b) was scanned using
the Bruker Skyscan2211 X-Ray CT scanner to generate the segmented
bone topography. Even though the process created a ﬁne resolution

1283

3D model, for computational efﬁciency only the surface topography
was extracted in the form of Standard Tessellation Language (STL).
The STL ﬁle was imported to SolidWorks 2018 and replicated into a
fully dense solid bio-model as shown in Fig. 1c using Bézier splines.
This model was used to generate volumetric data that later informed
the unit cell design calculations.
2.2. Unit cell and global implant design
A bottom up modelling approach using SolidWorks 2018 was
employed to generate a singular unit cell. Four variants of the unit cell
designs were considered for initial analysis as shown in Fig. 2. The design of the unit cell started with the cross-sectional area of 100 mm2
and a height of 10 mm resulting in a bulk volume of 1000 mm3.
Fixing the numbers of beams and joints as constant and using the
bulk material density of Ti64 (0.0044 g/mm3), each unit cell exhibited
a mass (muc) of 1.27, 1.03, 1.12 and 1.09 g for A1, B1, C1 and D1 respectively. The resultant unit cell densities were (ρuc) 0.0013 (A1), 0.0010
(B1), 0.0011 (C1), 0.0011 (D1) g/mm3. The unit cell designs were
analysed and compared in terms of both relative densities (0.2868
(A1), 0.2326 (B1), 0.2529 (C1), 0.2461 (D1)) and stress proﬁle. Based
on the results the best performing unit cell was selected to design the
anatomical SBD implant shown in Fig. 3. The implant geometry shown
in Fig. 3a was generated by triaxial linear patterning of the best
performing unit cell. Using the ‘Boolean Combine’ and ‘difference’ functions the unit cell geometries were combined to form a single part.
Investigating the unsheathed design (Fig. 3a), it became apparent
that the open cell design was non-practical due to tapered section and
sharp corners; both of which are considered safety critical [47]. Furthermore, the unsheathed design exhibited anatomical mismatch along the
circumferential topology which was outside the scope of this study.
Consequently, only the sheathed design shown in Fig. 3b was considered for further analysis. However, it must be noted that the sheathed
design combines a non-uniform cell geometry due to the anatomical
topology.
2.3. Finite Element Analysis
Three-dimensional (3D) FEA were carried out using the SolidWorks
2018 simulation suite on all unit cell designs (Fig. 2) as well as the
sheathed implant design (Fig. 3b). While the FEA on unit cells advised
on the best performing cellular geometry for the SBD implant, the simulation data from the sheathed model assisted in quantifying the effect
of the manufacturing process on the compressive performance.
Even though a mixed elemental matrix was used, the mesh primarily
featured a three-node Triangular shell element. Using a mesh sensitivity

Fig. 1. Anatomical proﬁle generation showing (a) tibial bone considered, (b) segmented section and (c) fully dense CAD bio-model based on X-Ray CT Scan data of the segmented bone.
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Fig. 2. Unit cell variants considered for initial analysis.

analysis, further mesh reﬁnements were carried out until the von Mises
criteria converged within 5% error. The resulted elemental and nodal
distribution for the converged ﬁnite element model along with associated solution time is listed in Table 1. The elemental matrix was solved
using an Intel Core i7-6700 CPU at 3.40 GHz with a maximum RAM allocation of 32 GB.
The boundary conditions were applied to replicate the physical test
conditions as shown in Fig. 4. The bottom surface of the implant was
fully constrained in Uy (displacement normal to load) and a perfectly
axial load was applied at the top face. To simulate the unit cell the
load (FUA) applied was the product of the ratio of the area of unit cell
(AUA) to the area of bone (ABone) and a 1 kN axial force. For the implant,
the force (FImplant) applied was the product of the ratio of the area of the
implant (AImplant) to the area of bone (ABone) and a 1 kN axial force. The
resultant force was 555.49 N and 1 kN to simulation the unit cells and
implant respectively.
The cellular structures were modelled as single continuum bodies,
which were assigned Ti64 Bulk material properties. The non-linear material behaviour was modelled using the bilinear isotropic hardening
stress–strain (BISO) relationship based on bulk material data obtained
from data sheet [49]. The BISO material model was selected due to its capacity to efﬁciently capture the elastic-plastic behaviour of additively
manufactured cellular structures under minimal solution time [50].
The material model featured a Young's Modulus (EB) of 104.8 GPa,
Yield strength of 1.14 GPa, Ultimate strength of 1.43 GPa, density of

4428.78 kg/m3 and Poisson's ratio of 0.342. From the FEA results,
Eq. (1) was used to predict the effective Modulus (EFEA) of the sheathed
implant. Where, EUC is the relative Modulus of the unit cell used for the
implant design, σFEA is the maximum stress and εFEA is the maximum
strain, which is the ratio of the maximum deﬂection from FEA (mm)
to original length (21.2 mm).

EFEA ¼

EUC σ FEA

EB
εFEA

ð1Þ

2.4. Implant manufacture
The implant design was exported into STL ﬁle format and subsequently into Materialise Magics. Supporting structures were generated
by the software where overhangs were N45° angle. The parts were
printed using EOS M290, DMLS 3D Printer. Build plate additional support was generated at 1 mm and removed using submerged wire
Electro-Discharge Machining (EDM). Laser sintering was performed
using Ytterbium ﬁbre laser system that uses Ti64 particles 25–40 μm
in diameter. The laser scanning speed was 7 m/s at a wavelength of
1054 nm and laser spot size of 40 μm was used. The implant design
was based on D1 and was heat-treated at 650 °C for 3 h under a controlled Argon environment after the sintering process.

Fig. 3. SBD repair implant design based on linearly arranged unit cells showing (a) before sheathing exhibiting geometrical anomalies along with anatomical mismatch and (b) after
sheathing.
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Table 1
Elemental distribution and solution parameters associated with FEA.
Model
reference

Max
element
size (mm)

Min
element
size (mm)

Total
nodes

Total
elements

Mesh
Solution
time (hh: time (hh:
mm:ss)
mm:ss)

A1
B1
C1
D1
SBD
implant

0.25
0.25
0.25
0.25
0.265

0.05
0.05
0.05
0.05
0.035

224151
508773
257845
524775
2607988

150,180
351,682
164,022
363,697
1,304,540

00:12:00
00:19:00
00:17:00
00:24:00
00:34:58

00:27:00
00:38:00
00:31:00
00:45:00
01:20:00

During the sintering process, a horizontally scanning laser beam was
used fused together the Ti64 particles by melting. The process operated
on a layer-by-layer technique and the build platform was lowered vertically on completion of each layer. After this, the next layer was prepared by the powder feeder and re-coater spreading the powder. After
recoating, the laser induced melting is applied on the new layer and
the process repeats.
Before the start of the process, the Ti64 powder was mixed for 1 h in
a tumble mixer to achieve homogenous distribution. The particle size
was then evaluated using a particle analyser to be ≈25–40 μm. Based
on the particle size, the powder was processed at a layer thickness of
40 μm. The implant prototypes were sintered on a titanium plate of dimensions 100 × 100 × 10 mm mounted on a heating plate at 230 °C. The
Ti plate was sand-blasted and cleaned with acetone before installing it
into the machine. The laser power was set constantly at 195 W. The
laser sintering parameters (hatch distance of 0.05 mm, 0.075 mm and
0.1 mm; laser scan speed of 7 mm/s) were combined to obtain a
dense part. Before the start of the sintering process, the machine chamber was held ~20 min inactive to achieve an oxygen level of b0.2% while
the base plate was heated to the set temperature.
2.5. Mechanical testing
Compression tests were performed using a Zwick Roell Z1474 materials testing machine having a maximum load capacity of 100 kN as

Fig. 5. Experimental compression test setup.

shown in Fig. 5. The physical tests were performed to investigate both
the compressive performance of SBD implant and the tibial bone to be
replaced. BS EN ISO 7500-1 [51] was referred for the calibration and veriﬁcation of the test setup.
The test samples were loaded to failure through crosshead displacement at the rate of 10 N/s. A maximum load of 90 kN with a force shutdown threshold of 20% and maximum deformation of 10% were applied.
The threshold and deformation values ensured that the compression
plates were restrained from colliding. Realtime force-displacement
and stress strain curves were obtained for further analysis.

Fig. 4. Boundary condition and mesh resolution of the ﬁnite element model.
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2.6. Surface roughness and microstructure characterisation
The surface roughness of the implant resulting from DMLS was evaluated using Olympus LEXT OLS3100 confocal laser scanning microscope. The laser identiﬁed the lowest site and referenced this as zero,
from which peaks and valleys were referenced. The microstructure
was further evaluated using a Scanning Electron Microscope (SEM)
and porosity though X-ray μCT scan technique. A total of 4166 images
were collected at 2.5 μm voxel size. Based on this the 3D tomogram
was reconstructed from the transmission images using standard beam
hardening correction and Gaussian smoothening with 0.5–0.7 kernel
size with the help of NRecon (Bruker).
Furthermore, the total porosity and pore interconnectivity in the 3D
reconstructed data were estimated using CTVox. For this, the reconstructed images were further processed, and an interactive thresholding
and watershed segmentation were used to get a binary image, where
voxels corresponding to material and pores were assigned as two different phases. The threshold values were adjusted manually to cover the
entire region of interest (ROI). Subtracting the binary image of pore material from the mask, the pore volume was obtained. The scan data was
visualised using a 3D volume rendering and iso-surface module.
3. Results
3.1. Unit cell selection
The four unit cells, A1, B1, C1 and D1 (Fig. 2) were analysed using
both hand calculation and FEA, the results of which are summarised in
Table 2. The unit cell density values were evaluated using Eq. (2);
where the mass and volume were obtained from CAD. Further to this,
relative density of the unit cell to the bulk material was reviewed
using Eq. (3). Where, ρUC is the density of the unit cell, mUC is the
mass of the unit cell and VB (UC) is the volume of the bulk material.
ρUC ¼

mUC
V B ðUC Þ

ð2Þ

ρUC
ρB

ð3Þ

ρr ðUC Þ ¼

EðUCÞ ≈ EB  ρ2rðUCÞ

ð4Þ

The relative Young's Modulus was then calculated using Eq. (4)
where, EB is the Young's Modulus of bulk material, ρr(UC) is the relative
density of the unit cell and ρB is the bulk material density.
The relative densities of the unit cells were comparable while
exhibiting a maximum difference of 18.90% between the designs at
0.2868, 0.2326, 0.2529, 0.2461 for A1, B1, C1 and D1 respectively.
While the relative density of the unit cell was a key variable for porosity,
it was also crucial to analyse the associated stress distribution. Accordingly, it was considered signiﬁcant to use both the stress proﬁle and
Table 2
Unit cell properties from hand calculation and FEA.
Property

A1

B1

C1

D1

Unit cell mass (m(UC)) (g)
Unit cell volume bulk (V(B-UC)) (mm3)
Unit cell density (ρ(UC)) (g/mm3)
Bulk material density (ρ(B)) (g/mm3)
Unit cell relative density (ρr(UC))
b (number of beams)
j (number of joints)
M = b − 3j + 6
Bulk material Young's Modulus (EB) (GPa)
Young's Modulus E(UC) (GPa)
ΔL(UC) (FEA max) (10−6 m)
σ(UC) (FEA max) (MPa)

1.270
1000
0.0013
0.0044
0.2868
24
16
−18
104.80
8.62
2.070
23.66

1.030
1000
0.0010
0.0044
0.2326
24
16
−18
104.80
5.67
2.536
49.98

1.120
1000
0.0011
0.0044
0.2529
24
16
−18
104.80
6.70
2.776
62.50

1.090
1000
0.0011
0.0044
0.2461
24
16
−18
104.80
6.35
2.431
43.65

relative density for the selection of the appropriate unit cell for the
implant.
A three-dimensional FEA was carried out on all four unit cells and
the associated von Mises stresses presented in Fig. 6. Designs A1, B1,
C1 and D1 exhibited maximum von Mises stress of 23.66, 49.98, 62.50
and 43.65 MPa respectively under the same load. The lowest von
Mises stress corresponded to A1 with the highest relative density
0.2868. However, the highest stress of 62.50 for unit cell C1 did not correspond to the lowest relative density. Accordingly, the inﬂuence of geometry is signiﬁcant on the stress proﬁle in comparison to the relative
density. To explore this further, the stress distribution along the vertical
axis of the unit cell obtained from 12 equidistant nodal probes is presented in Fig. 7.
Comparing the stress distribution shown in Fig. 7, unit cells B1 and
C1 exhibited comparable performance showing distinguishable peaks
and valleys dictating stress build up at areas within the structure.
These designs also exhibited the ﬁrst (C1) and second (B1) highest
von Mises stress values out of the four designs tested. This was primarily
due to design features lending to substantially uneven wall thickness at
certain locations. Accordingly, these two designs were considered unsuitable as this might lead to stress concentration and catastrophic failure of the implant.
Designs A1 and D1 exhibited comparable stress distribution between locations 4 and 9. However, D1 exhibited the lowest stress gradient with von Mises stress at all locations falling within a ±4.2 MPa limit.
D1 also exhibited the second lowest von Mises stress and relative density of 43.65 MPa and 0.2461 respectively. This shows that out of all
the unit cells tested D1 was the most suitable for the SBD implant
under consideration.
Considering a unit cell that featured even distribution of stress was
also signiﬁcant from a bone reintegration perspective [52]. Consequently, unit cell D1 was considered as the foundation for the SBD implant. All results from both hand calculation and FEA are summarised
in Table 2.
3.2. Numerical evaluation of the implant design
The sheathed design of the SBD implant constituted to a relative
density of 0.339 and structural mass of 5.72 g (rounded) with associated
parameters as listed in Table 3. This resulted in a relative Young's Modulus of 12.03 GPa (EL) based on calculations following Maxwell's criterion [53].
The FEA results obtained for the SBD sheathed implant is shown in
Fig. 8. Evaluating Fig. 8a, von Mises stress distribution was even across
the cellular structure. This was expected based on the performance of
unit cell D1. Furthermore, no stress concentration was observed at the
connection between the cells and both the internal and external sheathing. The SBD implant showed a maximum von Mises stress of 33 MPa.
From Fig. 8b, the maximum deformation predicted by the ﬁnite element
model is 3.551 μm. Regarding stress concentration within the cellular
structure itself, the von-Mises stress between the cellular layers are almost similar and concentration was primarily at the narrowest region
within the cell beams.
Based on the maximum stress and deﬂection from FEA, a Young's
Modulus (EFEA) of 11.94 GPa was obtained using Eq. (1). Comparing
the Modulus obtained from FEA with predictions using Maxwell's criterion, a difference of only 0.09 GPa was found. Accordingly, the ﬁnite element results are in good agreement with the hand calculations.
However, the Maxwell's criterion underestimated the Modulus of the
sheathed implant by 0.75%.
The predicted EFEA and EL falls slightly below the Modulus of the cortical bone to be replaced, which was investigated experimentally to be
18.01 GPa (ETibia). In general, the Young's Modulus of cortical bone
ranges between 18.6 and 20.7 GPa [13,54]. Accordingly, one of the critical aims of this study was to lower the stiffness of Ti64 implants to bring
it slightly lower than the bone to be replaced in an attempt to accelerate
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Fig. 6. Finite element stress proﬁle of the unit cell designs under compression.

ossiﬁcation. This is expected to result in a matched stiffness of the SBD
implant after a period of osseointegration. However, it must be noted
that the size of the implant presented here is arbitrary and
osseointegration is not expected to ﬁll the whole implant. Instead the
expectation is that of a few millimetres of bone on-growth onto the
rough Ti surface. Osseointegration spanning a whole defect above critical size in the absence of autologous bone graft is highly unlikely.

3.3. Manufacture and mechanical performance
Upon completion of the build, the prototype was inspected and
there were no visible cracks or defects present on the outer surfaces of
the implant. As expected with DMLS, a rough surface ﬁnish was created
due to the stair-step effect that occurs during AM. The SBD implant was
then tested using the compression testing machine to failure. The

Fig. 7. Finite element nodal stress plot at 12 equidistant location along the vertical axis.
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Table 3
Properties associated with the SBD implant.
Property

Sheathed implant

Mass (M(L)) (g)
Bone bulk volume (V(B-L)) (m3)
Density (ρ(L)) (kg/m3)
Bulk material density (ρ(B)) (kg/m3)
Relative density (ρ(r-L))
Bulk material Young's Modulus (EB) (GPa)
Young's Modulus from Maxwell's criterion (GPa) (EL)

5.72
3.816 × 10−6
1500.39
4428.78
0.339
104.8
12.03

implant prototype before and after the test are shown in Fig. 9a and b
respectively.
On initial assessment of the failed sample shown in Fig. 9b, failure
patterns resembling thin wall buckling were visible along both internal
and external sheath. However, failure occurred only after an ultimate
bearing strength of 0.893 GPa and 1.02 GPa for experimental test 1
(EXP1) and 2 (EXP2) respectively as shown in Fig. 10. The usual working stress that can be expected at the segmented tibial section based
on a load of 100 kg for static and dynamic loading is ~5.5 and ~55.5 MPa.
In comparison, the implant being considered is far superior
exhibiting a bearing strength approximately twice (EXP2) that of the
dynamic working stress expected at the tibial section. However, an implant performance closer to the working stress may be beneﬁcial to accelerate the process of ossiﬁcation. Furthermore, between the
experimental tests a percentage difference of 13.27% was observed on

samples manufactured under similar criteria. Repeatability issues in additive manufacturing of Ti64 is a known factor and have been the subject of several studies, normally a ±15% deviation is yield strength
and 5% is young's modulus is considered ‘usual’ [55–57] of the DMLS
process.
The stress-strain curve from experimental test shown in Fig. 10 exhibits a typical proﬁle that can be expected from Ti64 [58]. The test resulted in a Young's Modulus of 13.98 (EEXP1) and 14.58 GPa (EEXP2)
based on an applied compressive load of 10.5 kN and cross-sectional
area of 180.02 mm2. Between the two tests, a difference of 4.8% was observed which shows that the elastic performance of the implant is repeatable within widely accepted range [59]. Comparing the experimental
Modulus with FEA (EFEA), a highest difference of 2.74 GPa was observed.
Consequently, the FEA underestimated the Young's Modulus by 18.1%
with respect to experimental tests (highest difference). Following similar
procedure, the tests on the segmented tibial bone resulted in a Young's
Modulus (ETibia) of 18.01 GPa.
The bearing strength of biocompatible Ti64 manufactured by EOS
corresponding to ISO 5832-3 [60] chemical composition used for implant manufacture has a bearing strength of 1.14 GPa [49]. Comparing
this to the experimentally observed value of 0.893 GPa and 1.02 GPa,
difference of 0.247 and 0.12 GPa was observed respectively. This was a
percentage reduction of 24.3% for EXP1 and 10.5% for EXP2 at a relative
density of 33.9%. The lower E value at a relatively high bearing strength
is typical of Ti64 cellular structures under compression with vertical reinforcement as reported by Campanelli et al. [58]. In comparison, the

Fig. 8. von Mises stress distribution and nodal deformation obtained from FEA.
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Fig. 9. DMLS implant prototypes, (a) before testing and (b) failed specimen.

sheathed design of the implant acts as vertical reinforcement signiﬁcantly enhancing the bearing strength. Furthermore, the uniform stress
distribution within the adopted unit cell (D1) means that the strain is
equally distributed resulting in a lower modulus.
3.4. Surface roughness and microstructure
Three-dimensional surface interrogation of the DMLS implant using
Confocal Laser Scanning Microscopy (CLSM) revealed a non-perfect surface with peaks and valleys typical of a Ti64 DMLS sample as shown in
Fig. 11a–b. The surface morphology of the implant at 160 μm is presented in Fig. 11b, where sintered titanium powder is visible; ranging
between fully melted compositions to partially sintered at approximately 40 μm diameter.
It is evident that the semi-melted powder particles adhering to the
surface was the cause of the rough surface ﬁnish. Furthermore, laser
strip marks typical of the AM process is visible on all fully melted surfaces. A sampling of 960 μm square was considered for analysis and
the surface roughness proﬁle was evaluated to be between 25 μm and
90 μm with a mean value of 56.78 μm as shown in Fig. 11c. While the
surface roughness aspect of the implant enabled to characterise the
manufacturing quality from the DMLS standpoint, further evaluation is
necessary in terms biomechanical performance, cytotoxicity and longterm biocompatibility which was not considered in this study.

Consequently, systematic analysis following ISO 10993-5 [61] for the
design and manufacture of metallic bone implants and ﬁxation is necessary before practical application is possible.
The microporosity of the DMLS implant depends on powder morphology as well as process parameters and hence is expected to be
same for all the samples manufactured. The estimation of porosity
using micro-CT was limited by the ‘voxel size’ [62] of 2.5 μm making
pores smaller than the ‘voxel size’ out of range recognised as fully
dense. From Fig. 12, it is evident that the microporosity is homogenously
across the implant. Furthermore, the number of the independent pores
was found to be N2 vol% resulting in 98% interconnected microporosity.
This extent of interconnectivity in micropores is extremely relevant
in the context of vascularisation and neoangiogenesis, which helps in
transport of nutrients, biological cues, and oxygen to tissues and removal of metabolic wastes [63]. Furthermore, Fig. 12b shows that the
lattice structures feature homogenous microporosity and are not expected to fail locally due to density gradation. Based on the 3D reconstructed volume of μCT data using CTVox (volume rendering) package
the volumetric porosity was evaluated as 64.5%. In comparison to the
CAD based porosity of 66.1%, this is a difference of 1.6%. This is due to
the variation in the ideal geometric surface due to the sintering process
clearly observed from the magniﬁed surface data presented in Fig. 12b.
Fig. 13b shows microcracks throughout the surface that should be
considered life shortening characteristics. Previous research has

Fig. 10. Experimental stress-strain relationship for the SBD sheathed implant.
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Fig. 11. Micrograph of Ti64 DMLS implant showing (a) three-dimensional roughness proﬁle, (b) surface morphology (c) mean surface evaluation.

established that epitaxial grain growth and consequently columnar
grains is the common mechanism in most of the titanium alloys such
as Ti64 [66,67]. However, in various DLMS parts, different morphologies
of prior beta grains were reported in near-alpha, α + β, and near −β titanium alloys. While suitable stress relief would limit the occurrence
micro cracking to maintain dimensional accuracy the thermal history
and build orientation must be carefully considered to identify the effects
of grain growth.
4. Discussion
This work has investigated the compression behaviour of Ti64
sheathed SBD tibial implant manufactured using DMLS that closely
matches the anatomy of the segmented bone featuring a functional cellular design methodology. From reviewing the literature, this is the ﬁrst
study to investigate the design, manufacture and performance of such
an implant. It was hypothesised that the design and manufacturing approach employed in this work could provide SBD implant that exhibit
stiffness matching characteristics to the host bone. While length of the
implant presented is purely arbitrary, it is anticipate that a ‘limited contact locking compression plate’ ﬁxing mechanism resembling the ones
reported by Wieding et al. [68] and Reichert et al. [22] may be adopted
as the ﬁxing mechanism of choice. However, further studies on the
whole assembly is required to evaluate the impact of such a ﬁxing
mechanism on the implant which was outside the scope of this preliminary study.

It was clear from the anatomy of the segmented bone under consideration (Fig. 1b) that it is naturally graded and porous. The advancement in CT scan technologies and integration of CAD prompted the
research question whether a cellular design approach could be combined with anatomical grading to produce stiffness matching SBD implants for effective tissue regeneration. Consequently, fabricating a
SBD implant to naturally mimic the anatomy using a digital bio-model
(Fig. 1c) derived from X-Ray CT Scan data was the chosen approach of
this study.
Stress shielding inhibits ossiﬁcation, as such constant stress distribution through both unit cell and cellular structure was sought to facilitate
bone growth. Further effect includes loss of already present bone because it is no longer loaded. For this reason, there is a high risk of Ti64
implant failure after about a decade of implantation. To facilitate constant stress distribution, a suitable unit cell design that can provide an
even stress distribution was required. Consequently, unit cells A1, B1,
C1 and D1 (Fig. 2) were considered and numerically evaluated using
FEA. Comparing the results as shown in Fig. 7, D1 exhibited the lowest
stress gradient. von Mises stress at all locations where comparable
within a limit of ±4.2 MPa. This design also exhibited the second lowest
maximum von Mises stress and relative density of 43.65 MPa (Fig. 6)
and 0.2461 (Table 2) respectively. Therefore, D1 was used as the foundation for the cellular architecture for the SBD implant.
Even though initial consideration was to study both a sheathed and
unsheathed design, it was deemed most suitable to pursue a sheathed
design shown in Fig. 3b. This was based on the safety critical aspects
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Fig. 12. Reconstructed μCT data of the sheathed implant weighted against an arbitrary opacity scale showing microporosity based on X-ray absorption (α) where 0.0–fully porous and 1.0–
fully dense; where (a) top surface and (b) cross-section.

of tapered junctions that is often a feature in open cell anatomical designs as shown in Fig. 3a. Metal debris can be released from the tapered
junction in open pore designs that can cause adverse soft tissue reactions in the human body [47]. While Ti64 implants are routinely used
for bone fractures as well as dental work [69]. They have been shown
to both corrode and degrade, generating metallic debris [70]. Accordingly, concerns are mounting over the concentrations of circulating

metal debris derived from these implants, and their harmful biological
effects including hepatic injury and renal lesions [71].
According to works of Nuevo-Ordóñez et al. [72], the concentration
of titanium in bloodstream were signiﬁcantly higher for patients with
implants compared to control individuals. Furthermore, it was shown
that this difference can be associated to the ﬁxation and the invasive nature of the implants. Furthermore, certain implants were found to shed

Fig. 13. Scanning electron microscope inspection showing (a) semi-melted particles on the surface (b) interfacial micro structure and cracks.
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more metallic debris into the blood than the other designs. While the
exact nature of the design parameters that contribute to the shedding
of debris is now known, it may be beneﬁcial to avoid tapered ends as
they are susceptible to failure.
Ti64 is also known to have low wear and shear strength despite having a high Young's modulus [73,74] that need further consideration
from a design perspective. Furthermore, the alloying component vanadium present in Ti64 exhibits a high cytotoxicity and aluminium may
even induce senile dementia [75,76]. Accordingly, these leachable ions
can cause a number of health issues such as allergic, cytotoxic effect
and even neurological disorders. As implant once installed are present
in the body for a long time, health problems, such as Alzheimer diseases,
osteomalacia and peripheral neuropathy are also further risks worth
considering for at the time of design and material selection [69].
Considering some of these health risks, despite minimising taper
ends a sheathed design was also favourable to closely mimic both the
interior and exterior topological anatomy of the segmented bone. Furthermore, consideration was given to the DMLS manufacturing process,
which require unviable support structures in the case of an open pore
anatomical structure. However, the sheathed implant design featuring
cellular porosity may have a high likelihood of developing infection in
the event where the porous space is not invaded by bone as it will be
ﬁlled with avascular ﬂuid [77]. Upon implantation, the implanted material is in contact with complex host bodily ﬂuids. While, the exact nature
of these ﬂuids is patient and implant site dependent [78], blood serum is
present in most tissues of the body and contains a diverse array of proteins; including complement and immunoglobulins, key mediators of
early immune responses. Accordingly, further studies regarding this aspect are required before such a design can be applied for SBD repair.
The numerical analysis of the implant (Fig. 8) resulted in a Young's
Modulus of 11.94 GPa. In comparison, the Maxwell's criterion
underestimated the Modulus (12.03 GPa) of the sheathed implant by
0.75% (Table 3). Consequently, the Maxwell's criterion ﬁts well with
the chosen sheathed implant considered in this study. Evaluating the
stress contours as shown in Fig. 8a, no stress concentration was observed at the connection between the cellular structure and both the internal and external sheathing. The SBD implant exhibited a maximum
von Mises stress of 33 MPa at a maximum deformation of 3.551 μm
(Fig. 8b). In comparison, the experimentally obtained stress-strain
curve (Fig. 10) resulted in a Young's Modulus of 14.58 GPa; a difference
of 18.1% compared to FEA.
The numerical model of the SBD implant was modelled using the
volume representing the cellular structure and sheath as a continuum
part featuring a single Young's Modulus. Published studies that have
followed similar approach have highlighted that the stiffness can differ
by up to four times in comparison with experimental test data
[46,50,79]. Consequently, it can be considered that the 18.1% difference
between FEA and experimental allows for a reasonable agreement. This
shows that SBD anatomical implants under compression can be
modelled with reasonable accuracy using the ﬁnite element methodology presented in this study. Furthermore, the mixed mesh featuring the
mid-node shell element can contribute towards reducing the size of the
elemental matrix and hence computational cost.
As listed in Table 4, the Young's Modulus of the SBD implant developed in this study was slightly lower than Modulus of the segmented
bone to be replaced. While the segmented tibial bone exhibited a
Young's Modulus of 18.01 GPa, the implant showed 14.58 GPa. In general, the Young's Modulus of cortical bone range between 18.6 and

Table 4
Young's Modulus of the SBD repair implant and that of the bone to be replaced.
Ti64 SBD implant

Bone

EL

EFEA

EEXP

ETibia

12.03 GPa

11.94 GPa

14.58 GPa

18.01 GPa

20.7 GPa [8,37]. The critical aim of the study was to lower the stiffness
of Ti64 SBD implants to bring it slightly below to that of the bone in
an attempt to accelerate ossiﬁcation. This is expected to result in a
matched stiffness of the SBD implant after a period of osseointegration.
Accordingly, this study presents a design methodology that can substantially lower the stiffness of Ti64 implants to bring it closer to the
bone to be replaced.
Evaluating the deformed test specimen (Fig. 9b), the primary failure
mode appears to be buckling. The approximated radial buckling occurred at 61.5 mm measured at the planar centre. This is the result of
non-uniform stress induced in the sheath due to the anatomical geometry. However, the implant started yielding only at 1.02 GPa (Fig. 10) in
comparison to a dynamic working stress of ~55.5 MPa for the tibial section. Therefore, the implant is structurally superior and safe from a practical point of view, capable of accommodating approximately twice the
dynamic stress that can be expected. A further reduction in the bearing
strength of the implant to make it perform closer to the working stress
of the tibia may be beneﬁcial to accelerate ossiﬁcation. However, compared to the bearing strength of Ti64 DMLS powder [49], the implant
showed a reduction in performance by 10.5% at a relative density of
33.9%.
Inspections using CLSM revealed a surface typical of a Ti64 DMLS
sample, where Ti particles ranged between fully melted compositions
to partially sintered at approximately 40 μm diameter where present
(Fig. 11b). This resulted in a mean roughness of 56.78 μm. The semifused particles that adhered to the surface (Fig. 13) is likely due to
melt-pool turbulence and particle energy volatility. From the works of
Bonﬁeld [80], a pore size and surface roughness approximately 50 μm
(diameter) and 40 μm respectively can accommodate osteoblasts efﬁciently. Furthermore, Precursor osteoblasts that are of interest to this
study, are around 10 μm which can cling on to the presented surface effectively. However, osteoblasts can be found in various sizes and once
mature osteoblast can be over 200 μm. Taniguchi et al. [81] studied
DMLS Ti cellular structures at a porosity of 60%, with respect to cancellous bone ingrowth, in vivo. The results showed that for ingrowth, pores
around 600 μm and 400 μm performed best and worst respectively. In
comparison, the SBD repair implant presented in this study represents
a porosity value of 64.5% and an average pore size of 723 μm, consequently further evaluation is required to quantify the extend of potential bone growth.
The key challenge in this study was to tailor the desirable mechanical properties of the implant to minimise failure by stiffness matching.
Bulk titanium exceeds the Young's Modulus of cortical bone by more
than three-fold resulting in stress shielding and subsequent weakening
of the connection between the bone and the implant. However, the presented Ti64 implant performs slightly lower than the Modulus of the
segmented bone for stiffness matching after a period of bone ingrowth.
Furthermore, the cellular structure porosity and the surface roughness
resulted from the DMLS process can enhance osteogenesis. This work
has proposed and validated a methodology using X-Ray CT Scan,
DMLS and FEA to develop a porous sheathed anatomical SBD implant
that could potentially assist in reducing stress shielding and thereby improving the longevity of Ti64 implants.
4.1. Limitations and future work
The overall dimensions of SBD repair presented in this study is arbitrary and is not representative of a practical scenario. For dimensions
above the critical length autologous grafts need to be considered for effective osteointegration [23]. Consequently, the results presented in this
study are limited to the primary understanding of the compression behaviour of a potential anatomical implant where the methodology may
be adopted for stiffness-matching. Furthermore, the scope of this study
is limited to the mechanical behaviour, omitting any thermal or ﬂow
characterisation. Nevertheless, the ﬂow characterisation of the implant
along with in vitro tests of cytotoxicity and then mesenchymal stem
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cell and/or osteoblast attachment will be considered as part of future
work.
5. Conclusions
This research presents the design, development and manufacture of
a porous Ti64 SBD repair implant that anatomically mimics the segmented bone of the tibial section. The global implant design was
based on the sectional anatomy captured using X-ray Computed Tomography. The implant has an internal porosity of 64.5% while featuring
a suitable cellular structure. The resulting Young's Modulus for the implant were 12.03, 11.94 and 14.58 GPa using Maxwell's criterion, FEA
and physical tests (EXP2) respectively. This was slightly lower than
the segmented bone that exhibited 18.01 GPa to allow for stiffness
matching to occur following a period of osseointegration. Good correlation was achieved between the numerical and experimental data indicating that the simpliﬁed ﬁnite element methodology presented in
this study is suitable for modelling the behaviour of porous anatomical
implants undergoing compression. The DMLS manufacturing process
was found to contribute to a favourable surface roughness of 56.78
μm, which is constructive for osteogenesis. It is anticipated that the cellular design methodology proposed in this study can aid the development of functional anatomical SBD implants that can reduce stress
shielding by allowing for stiffness matching after a period of bone ingrowth. However, in-vitro incubation using bio-reactors in necessary
to quantify actual bone ingrowth within the implant under dynamic
loading.
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