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a b s t r a c t
Porous biomaterials can be additively manufactured with micro-architecture tailored to satisfy the stringent mechano-biological requirements imposed by bone replacement implants. In a previous investigation, we introduced structurally porous biomaterials, featuring strength five times stronger than
commercially available porous materials, and confirmed their bone ingrowth capability in an in vivo
canine model. While encouraging, the manufactured biomaterials showed geometric mismatches
between their internal porous architecture and that of its as-designed counterpart, as well as discrepancies between predicted and tested mechanical properties, issues not fully elucidated. In this work, we
propose a systematic approach integrating computed tomography, mechanical testing, and statistical
analysis of geometric imperfections to generate statistical based numerical models of high-strength additively manufactured porous biomaterials. The method is used to develop morphology and mechanical
maps that illustrate the role played by pore size, porosity, strut thickness, and topology on the relations
governing their elastic modulus and compressive yield strength. Overall, there are mismatches between
the mechanical properties of ideal-geometry models and as-manufactured porous biomaterials with
average errors of 49% and 41% respectively for compressive elastic modulus and yield strength. The proposed methodology gives more accurate predictions for the compressive stiffness and the compressive
strength properties with a reduction of the average error to 11% and 7.6%. The implications of the results
and the methodology here introduced are discussed in the relevant biomechanical and clinical context,
with insight that highlights promises and limitations of additively manufactured porous biomaterials
for load-bearing bone replacement implants.
Statement of Significance
In this work, we perform mechanical characterization of load-bearing porous biomaterials for bone
replacement over their entire design space. Results capture the shift in geometry and mechanical properties between as-designed and as-manufactured biomaterials induced by additive manufacturing.
Characterization of this shift is crucial to ensure appropriate manufacturing of bone replacement
implants that enable biological fixation through bone ingrowth as well as mechanical property harmonization with the native bone tissue. In addition, we propose a method to include manufacturing imperfections in the numerical models that can reduce the discrepancy between predicted and tested
properties. The results give insight into the use of structurally porous biomaterials for the design and
additive fabrication of load-bearing implants for bone replacement.
Ó 2017 Acta Materialia Inc. Published by Elsevier Ltd. All rights reserved.

1. Introduction
Metallic porous biomaterials are commonly used as coating in a
wide range of clinical applications involving joint replacement sur⇑ Corresponding author.
E-mail address: damiano.pasini@mcgill.ca (D. Pasini).
https://doi.org/10.1016/j.actbio.2017.09.013
1742-7061/Ó 2017 Acta Materialia Inc. Published by Elsevier Ltd. All rights reserved.

gery. They generally feature high surface area, beneficial to bone
ingrowth and biological fixation, as well as an open cell microarchitecture facilitating nutrient transport [1–3]. More recently,
porous biomaterials have been also proposed for use in applications that go beyond coatings and require load-bearing capacity.
Latest studies have shown that the geometric parameters
describing their porous architecture, such as cell topology, nodal
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connectivity, pore size, and porosity [4–6], can be rationally
designed to attain load-bearing capacity beyond that of current
porous coatings [7–9]. It has also been demonstrated that tailoring
gradients of porosity can augment the functionality of hip replacement implants by reducing bone resorption secondary to stress
shielding [10–12].
The ability to fabricate porous biomaterials with a controlled
micro-architecture is crucial to the success of bone replacement
implants. Traditional methods, such as direct metal foaming and
powder metallurgy, can generally produce random pore distribution and non-homogeneous porosity; others, such as vapor deposition, can only produce an almost uniform and homogenous
arrangement of cells [3,13]. However, they often provide limited
freedom in generating complex geometry, with pore shape and
graded pore distribution that can best fulfill specific biological
and mechanical requirements. Recent advances in additive manufacturing (AM), such as electron beam melting (EBM) and selective
laser melting (SLM), bring versatile layer-by-layer processes that
facilitate the fabrication of porous materials and bone replacement
implants with controlled pore morphology. Additionally, through
AM, gradients of porosity and pore size can be introduced into
the micro-architecture to enhance mechano-biological performance with respect to anatomical location [14,15].
Despite the advantages of bone ingrowth and biological fixation
offered by current porous coatings and devices, one of their limitations is their lack of strength, a factor that limits their use to coating on a solid substrate and small augments. Their structural
performance is poor with strength not sufficiently high to resist
the severe cyclic loading certain biomedical implants, such as a
hip-replacement, experience during their service life [16–18]. To
address this problem, we introduced structurally porous biomaterials with yield strength five times stronger than that of tantalum
foam and other commercially available porous coatings [8]. In
addition, we showed in a clinical investigation that these biomaterials not only promote bone ingrowth, but also are effective in
reducing some of the clinical shortcomings of hip-replacement
implants currently available on the market [19]. A strategy developed to elucidate the relation between cell morphology, mechanical properties, bone ingrowth, and manufacturing constraints
induced by additive processes was applied to a set of porous biomaterials with cell morphology suitable for bone replacement.
Structurally porous biomaterials were fabricated via SLM, mechanically tested, and assessed in vivo to investigate their mechanobiological response in bone. We found that in a canine transcortical
study, implants made from these biomaterials demonstrated bone
ingrowth of 36  2% and 57  4% after four and eight weeks
respectively.
While extremely promising, that investigation highlighted several challenges that called for further investigation. The first is the
clear geometry mismatch between as-designed and asmanufactured biomaterials, a dominant factor in contributing to
the mechanics discrepancy observed between predicted and tested
properties. Practical use of structurally porous biomaterials for
load-bearing implants necessitates the search for a solution. A mismatch in geometry could potentially lead to degradation of pore
interconnectivity and permeability. For cell feature size close to
the manufacturing limit of AM, this degradation could cause partial
or complete pore occlusion, thus preventing bone ingrowth [20–
23]. As well, inaccurate predictions of their mechanical properties,
such as stiffness and strength, could compromise the fabrication of
implants that are mechanically biocompatible, thereby possibly
culminating in stress shielding and implant failure [17,24,25].
A second challenge that emerged from our previous study deals
with the limited portion of the design space that was examined for
mechano-biological characterization [8]. Samples with constant
pore size only were investigated with porosity varying from 50%
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to 75%. However, a full characterization of the design space for porous biomaterials is fundamental to the understanding of the relationship between their mechano-biological properties and their
morphological parameters. A third challenge the previous study
prompted was the need to quantify the unavoidable geometric
and mechanics discrepancies between model predictions and testing results to orientate design choices for bone replacement
applications.
The aim of this work is to address the challenges described
above via a combination of integrated experiments and computational analysis on fabricated porous biomaterials. First, we explore
the entire design space of two porous biomaterials suitable for
load-bearing implants and characterize their predicted and actual
mechanical properties as a function of their morphological parameters. The investigation is conducted on two high-strength cell
topologies, the Tetrahedron-based and Octet-truss [26–28], for
which bone ingrowth was clinically demonstrated [8]. Second, to
predict more accurately their mechanical behavior, we characterize the geometric shift induced by SLM. We present numerical
models with porous architecture statistically similar to their asbuilt counterpart. Selected AM defects are measured through micro
computed tomography (lCT) and their statistical distribution is
used to generate predictive models that parallel the behavior of
as-manufactured biomaterials. Third, we generate morphological
and mechanical maps that characterize the geometric and mechanical property shifts induced by SLM with the goal of providing tools
that can assess the mechanical response and guide the design of
porous biomaterials.
The article is organized as follows. In Section 2, we perform a
design of experiments within the admissible domain for loadbearing implants and we manufacture via SLM 160 titanium alloy
(Ti-6Al-4V) porous biomaterials with Tetrahedron-based and
Octet-truss unit cells. The samples are morphologically assessed
via lCT, mechanically tested in compression, and simulated
through finite element analysis (FEA). In Section 3, the results are
used to generate characterization maps assessing their mechanical
properties and overlaid on their admissible design domain. Finally,
in Section 4, we provide clinical context to the results reported in
this article by assessing the porous biomaterials performance and
comparing their mechanical properties to cortical and cancellous
bone as well as other types of porous biomaterials available on
the market.
2. Methods
In Section 2.1, we first review the geometry and design space for
the two cell topologies of high-strength biomaterials for bone
replacement [8]. Section 2.2 details the fabrication of additively
manufactured porous biomaterials, while Sections 2.3 and 2.4
delineate the morphological and mechanical investigations, along
with the description of the numerical models in Sections 2.5 and
2.6.
2.1. Selection and design of additively manufactured porous
biomaterials
Fig. 1 shows the design space for the Tetrahedron-based and
Octet-truss cells. These cell topologies have been selected for their
stretch-dominated mechanism of deformation, which provides the
high structural efficiency necessary to use them as stiff and strong
material in load-bearing implants [8,27], and for their cubic symmetry (Fig. A.2 in A), which conveniently reduces to 3 the number
of independent constants required to define the elastic stiffness
tensor. Recently investigated in the context of biomaterials, these
cell topologies were also used to clinically assess bone ingrowth
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Fig. 1. Admissible design space for Tetrahedron-based and Octet-truss cells with imposed constraints on manufacturing, pore size, and porosity. Black and red bullets
indicate as-designed and as-manufactured unit cells of porous biomaterial samples. (For interpretation of the references to colour in this figure legend, the reader is referred
to the web version of this article.)

[8], as well as to develop the first fully porous hip implant that is
capable of minimizing bone resorption secondary to stress shielding [19]. To define the admissible design space of each unit cell
(Fig. 1), we first plot isometric lines of porosity and cell size with
respect to the pore size and the strut thickness. If bone ingrowth
requirements (pore size between 50 and 650 lm and porosity
higher than 50% [29,30]) along with manufacturing constraints
(smallest nominal strut thickness of 200 lm) are specified on the
map, a triangular design domain emerges with boundaries and
extent that depend on cell topology. For a given cell, the grey area
represents values of its geometric parameters that are both manufacturable with respect to the capability of current AM technology
and appropriate for osseointegration. Since a main goal of this
work is to perform a complete mechanical characterization of their
entire design space, we select representative points (in black) at
the boundary of the domain (grey) to cover comprehensively its
extent. As visualized in Fig. 1 for both cell topologies, the first four
points are for porosity of 50% and 60% and pore size of 490 lm and
650 lm (points Tetra #1–4 and Octet #1–4 in Table 1). These
points allow for a direct comparison of the effect of cell topology

across pore size and porosity with morphological values corresponding to samples used for an in vivo bone ingrowth animal
model [8]. Given the variation in the admissible design space
between the cells, for the larger Tetrahedron-based domain, we
further select two points on the bone ingrowth boundaries (point
Tetra #5 with porosity of 50% and point Tetra #6 with pore size
of 650 lm) and three points on the manufacturing limit boundary
(points Tetra #7–9 with strut thickness of 200 lm). For the Octettruss, which has a smaller design domain, the number of points
reduces to seven (Octet #5–6 with strut thickness of 200 lm and
Octet #7 in the middle of the design space with porosity of 60%).
For the mechanical investigation here undertaken, we fabricate
samples with unit cell features that comply with the ISO 13314
[31] and tessellate each cell in Fig. 1 along the orthonormal directions x, y, and z. 16 porous specimens (9 Tetrahedron-based and 7
Octet-truss lattices) are fabricated with periodicity of 10  10  15
and geometric details reported in Table 1. The morphological
parameters are defined and measured according to the protocol
followed in a previous work [8]. The strut thickness corresponds
to the diameter of the circular cross-section while the pore size
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Table 1
Geometric details of as-designed samples.
Unit cell

#

Porosity (%)

Strut thickness (mm)

Unit cell size (mm)

Pore size (mm)

Height (mm)

Width (mm)

Depth (mm)

Tetrahedron

1
2
3
4
5
6
7
8
9

50
60
50
60
50
73
50
75
83

0.385
0.297
0.500
0.390
0.300
0.265
0.200
0.200
0.200

1.50
1.36
2.00
1.80
1.25
1.60
0.78
1.20
1.43

0.490
0.490
0.650
0.650
0.390
0.650
0.250
0.490
0.650

22.5
20.4
30.0
27.0
18.8
24.0
15.6
18.0
21.5

15.0
13.6
20.0
18.0
12.5
16.0
10.1
12.0
14.3

15.0
13.6
20.0
18.0
12.5
16.0
10.1
12.0
14.3

Octet-truss

1
2
3
4
5
6
7

50
60
50
60
50
73
60

0.255
0.200
0.340
0.278
0.200
0.200
0.235

1.08
0.98
1.41
1.32
0.83
1.21
1.13

0.490
0.490
0.650
0.650
0.390
0.650
0.560

16.1
16.7
21.1
19.8
15.0
18.1
16.9

10.8
10.8
14.1
13.2
10.0
12.1
11.3

10.8
10.8
14.1
13.2
10.0
12.1
11.3

is defined as the diameter of the largest inscribed sphere that can
pass through neighboring cells. This definition of pore size reflects
cell interconnectivity [32], which has a large influence on bone
ingrowth [6]. The porosity is measured via a parametric numerical
model of the two cell topologies and represents the percentage of
void in a fully solid cube bounding the cell.
Fig. 1 captures the geometric boundary of each unit cell and
serves as a baseline in Section 3 to generate morphological and
mechanical maps for as-designed and as-built porous biomaterials.
Each map is generated with the least squares method from the
experimental and computational data obtained for each sample.
Second-order models are used to interpolate the manufacturing
performance and the mechanical behavior throughout the admissible domains. Further details on the response surface methodology
are given in Appendix B.

2.2. Sample manufacturing
16 selected geometries are built in 10 replicates via SLM out of
Ti-6Al-4V alloy (Renishaw AM-250) with powder size ranging from
15 to 50 lm. This additive process uses a 200 W laser with energy
density of 60 J/mm3 and spot diameter of 70 lm. All samples are
fabricated with point by point exposure at intervals of 30 lm layer
thickness on a titanium base plate. To reduce the level of interstitial elements that can react with Ti-6Al-4V powder (e.g. Nitrogen,
Carbon, Hydrogen and Oxygen), the build chamber is flushed with
Argon gas. To enhance mechanical properties, the samples are
annealed at 730 °C for 2 h. While heat treatment does impact the
mechanical properties, it has been demonstrated that its effect
on the morphological parameters is negligible [33]. Hence, the
effect of heat treatment on the morphological parameters is
neglected in this study. Following heat treatment, the specimens
are removed from the build plate with electrical discharge machining. The mechanical properties of the solid material are provided
by our manufacturer following tensile test of standard specimens
with laser parameters identical to those used to build the porous
biomaterial samples of this work [34,35].
2.3. Morphological investigation
A representative sample of each design point is scanned using a
SkyScan 1172 high-resolution lCT to investigate SLM fidelity in
rendering cell morphology. The representative sample is selected
with respect to the average manufacturing error following weighting and measuring the porous biomaterials. During the lCT analy-

sis, each sample is rotated from 0° to 360° and 5 images are
recorded at each increment of 5°. To measure pore size and strut
thickness, we reconstruct the lCT data into cross-sectional images
using NRecon (Skyscap N.V., Kontich, Belgium). The reconstruction
process includes lower and upper thresholds of 80 and 255, ring
artifact reduction of 4, and beam-hardening correction of 40%.
2.4. Compression testing
All 160 manufactured lattices are tested in compression on a
50 kN MTS servo-electric machine with a constant strain rate of
0.01 s1. For each reference set, 5 samples are first tested to failure
to retrieve the full stress-strain curve, which displays the first maximum and the plateau strengths. The remaining 5 samples are
tested in the linear regime to obtain their compressive elastic modulus along the building direction (z-axis) as per the ISO-13314
standard [31]. The strain is measured with an extensometer
mounted on the samples. The value of the elastic modulus is then
used on the full stress-strain curves to identify the yield strength at
0.2% offset from the linear elastic response. The mechanical maps
generated with the experimental results use as input the mean values of the tested properties. To offer a statistical context to the
experimental data, the standard deviation of the results is provided
in Appendix C.
2.5. Finite element analysis of as-designed models
To compare the predicted and tested mechanical properties of
the as-built 3D samples, we perform finite element analysis
(FEA) on ideal as-designed lattices using the commercial software
package ABAQUS (Dassault Systemes Simulia Corp, France).
Because of the high thickness ratio of the struts (defined as the
thickness over the length), ranging from 0.140 to 0.256, EulerBernoulli and Timoshenko beam theory assumptions do not hold
here [36]. Thus, the numerical models generated in this work use
ten-node tetrahedral elements (C3D10) with isotropic material
properties of 3D-printed Ti-6Al-4V that underwent heat treatment
(E = 114 GPa, m ¼ 0:342) [34]. In the linear regime, Asymptotic
Homogenization (AH) is applied to a representative volume element (RVE) of a given sample to compute the complete stiffness
tensor Eijkl , from which the effective elastic modulus in the corresponding loading direction is extracted [10,37]. A detailed description of this method is given in Appendix C. To calculate the yield
strength, we did not resort to AH as it is done for the elastic properties. AH underestimates the yield strength since the yield
strength is defined as the macro stress at which the first element
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reaches the yield point of the base material. Rather, we conducted
detailed finite simulations on a reduced order lattice with x, y, and
z periodicity ensuring results convergence (see Appendix A). The
values obtained numerically were then validated experimentally.
In the numerical calculations, the base material (additively manufactured Ti-6Al-4V) was assumed to be isotropic with linear elastic
perfectly-plastic behavior according to the shape of its stress and
strain curve [38] with constitutive relationship described by J2
flow theory (von Mises). The bulk properties of Ti-6Al-4V were
obtained from a set of tests of dog-bone samples fabricated with
laser processing and heat treatment parameters identical to those
used to build the porous biomaterial samples of this work. The
yield strength of the base material (ry ¼ 1120 MPa) represents
the average from the yield strength measured along the building
direction (996 MPa) and perpendicular to the building direction
(1145 MPa). Rigid and frictionless properties were defined for the
edge-to-edge contact between the structural struts. A smooth step
displacement-controlled loading was applied to obtain the numerical stress and strain curve. Rigid body movements were removed
by applying a symmetry constraint on the top and bottom planes
of the lattice. The yield strength was measured on the numerical
stress-strain curve with the 0.2% offset method (see above
Section 2.4) as detailed in the ISO 13314 standard [31]. See
Appendix C for more details about the mechanical properties
characterization.
2.6. Generation of imperfect-geometry models and simulations
The mechanical properties of as-designed models fail to capture
the actual response of the as-built 3D porous biomaterials under
compression. To create numerical models that better predict their
mechanical properties, we investigate a set of SLM defects that typically emerge during manufacturing. Fig. 2 shows the full lCTreconstructed Octet #6 lattice with a close-up on one unit cell.

The design lines (red) overlaid on the reconstructed unit cell highlight a clear discrepancy between as-designed and asmanufactured cell geometry. Fig. 2 also displays scanning electron
microscopy (SEM) images of the Octet #6 sample illustrating the
imperfect geometry of the struts rendered during SLM. Among
the observable defects, two imperfections that are most relevant
here are highlighted: (1) irregular geometric profile of a strut, discernible as variation of cross-sectional shape along the strut axis
(Fig. 2-B), and (2) center axis deviation from the principal axis of
an ideal strut (Fig. 2-C). To account for these geometric defects into
the numerical models, we reconstruct from lCT images representative sets of struts, classified based on their orientation with
respect to the SLM build plane. The Tetrahedron-based cell exhibits
3 orientations (horizontal, vertical, and diagonal), whereas the
Octet cell features 2 orientations (horizontal and diagonal). As
described in Appendix D, the geometry of each strut is extracted
as a surface mesh and sectioned with a series of parallel planes
perpendicular to the ideal strut axis (Fig. D.1)). The effective radius
of a circle fitted through the points on each plane and the offset of
the center of this circle with respect to the ideal axis of the strut are
determined and used to construct probability distributions of each
geometric imperfection. In turn, each probability distribution is fitted to a probability density function using a Kernel density estimation. This process enables the generation of numerical data (strut
thickness and center deviation) that follow geometric imperfection
distributions. Fig. D.2 presents the smoothed probability density
distributions. The results are used via an in-house code to generate
numerical models with imperfect porous architecture that is statistically equivalent to that of their as-manufactured counterpart
(Fig. D.3)). The method of including manufacturing defects into
numerical models is computationally efficient and recent work
has shown its potential to predict accurately the mechanical
behavior of lattices built with SLM [39]. Further details on the
generation of imperfect models are given in Appendix D.

Fig. 2. lCT-reconstructed Octet #6 sample with close up on one unit cell. Top-left: hidden lines (red) overlaid on reconstructed unit cell represent as-designed geometry. SEM
images with SLM manufacturing defects highlighted for Octet #6: non-uniform cross-sectional shape and thickness (B) and center deviation of the strut axis (C). (For
interpretation of the references to colour in this figure legend, the reader is referred to the web version of this article.)
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2.7. Statistical analysis
To compare as-designed (FEA on as-designed geometry) and
experimental results, a two-tailed t-test is performed. The null
hypothesis is expressed as:

H0 : lExp ¼ X Design ;

ð1Þ

where lExp is the mean of the experimental results and X Design the asdesigned value. Similarly, a two-tailed t-test is conducted to compare experimental results with FEA results from the imperfectgeometry model. For this case, the null hypothesis is expressed as:

H0 : lExp ¼ lImperfect ;

ð2Þ

where lImperfect is the mean of the FEA results on the imperfectgeometry model. The p-values are reported in Table C.2 with significance level set at p < 0.05.
3. Results
3.1. Morphology of porous biomaterials
Porosity, pore size, and strut thickness, which are among the
main morphological parameters of a porous biomaterial, are measured from lCT images and compared to their respective design
values listed in Table 1. Fig. 3 presents a set of maps characterizing
the structural geometry of the porous biomaterials under investigation. Relative errors for pore size, porosity, and strut thickness
between as-designed and as-manufactured values are visualized
for both cell topologies. Expressed in percentage, the relative error
of a given geometric parameter is defined as the difference
between the measured and nominal value, normalized by the measured value here assumed as baseline. Besides the maps for porosity, pore size, and strut thickness, Fig. 3 also displays the overall
manufacturing error, calculated as the arithmetic mean error of
the three morphological parameters.
The results in Fig. 3a show an average manufacturing error of
6.2% for the Tetrahedron cell with an increase of the error toward
the manufacturing limit of 200 lm for the strut thickness. While
the porosity error (maximum of 7.7%) is almost uniform throughout the domain, the pore size and strut thickness maps display
local regions in the admissible design space with higher relative
error. The design set #8 (Fig. 1), which lies on the manufacturing
constraint boundary and has a nominal pore size of 490 lm, features the highest pore size error of 18% which can be attributed
to unformed horizontal struts revealed by lCT images. In addition,
the strut thickness error in Fig. 3a highlights a maximum of 15%
accuracy error for samples with the highest design porosity of 83%.
While the Tetrahedron-based topology exhibits relatively low
and uniform morphological errors, with peaks of geometry mismatch associated with local regions, Fig. 3b shows that, for the
Octet-truss topology, the manufacturing error increases with smaller feature size (cell size and strut thickness). The response surface
of the porosity error in Fig. 3b demonstrates this trend, as the error
increases from 1.9% to 23% for unit cell size of 1.41 mm to 0.83 mm
and strut thickness of 340 lm to 200 lm. For the design set #5
(Fig. 1), which has the smallest nominal cell size of 830 lm, the
stringent geometric requirements combined with the shortcomings of SLM to reproduce accurately small features led to a manufactured sample with lower porosity (41%  6%) compared to its
as-designed counterpart (50%).
3.2. Mechanical properties
Fig. 4 shows the mechanical property maps for the compressive
elastic modulus of the Tetrahedron-based and Octet-truss unit
cells, each obtained from the experimental and numerical results
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of both as-designed and imperfect-geometry models. In particular,
response surfaces of the elastic modulus are presented for the asdesigned (upper-left corner), experimental (upper-right corner),
and imperfect-geometry model (bottom-left corner). The elastic
modulus is normalized by the elastic modulus of fully solid titanium alloy (E = 114 GPa). The fourth map at the bottom right corner illustrates the difference between the experimental and
imperfect-geometry model elastic moduli, normalized by their
respective experimental values.
For the as-designed Tetrahedron-based lattices, Fig. 4a shows a
decrease of the compressive elastic modulus from 17% to 3.2% for
porosity of 50% to 83%. The experimental response surface at the
upper-right corner also shows a relationship between elastic modulus and porosity but displays smaller compressive stiffness. The
most significant reduction of the elastic modulus occurs for Tetra
#2 (EDesign /ETi6Al4V ¼ 10:1%, EExp /ETi6Al4V ¼ 7:9%  0:3%, p-value
< 0.001) and Tetra #4 (EDesign /ETi6Al4V ¼ 10:0%, EExp /ETi6Al4V ¼ 7:3%
0:8%, p-value = 0.0013). The maximum as-manufactured elastic
modulus is also smaller than its as-design counterpart (EDesign /
ETi6Al4V ¼ 16:8%, EExp /ETi6Al4V ¼ 12:3%  0:9%, p-value < 0.001). The
results for the elastic modulus obtained from the imperfectgeometry model are reasonably accurate with an average error of
11% from the experimental results. The trends in Fig. 4a also parallel
those from the experiments. Quantitatively, the difference between
the experimental and imperfect elastic moduli, shown in the fourth
response surface, ranges from 5.4% to 19%. The error increases with
porosity, reaching its highest value at the highest as-designed porosity of 83% where the manufacturing error peaks (Fig. 3a).
Similar to the Tetrahedron-based lattices, Fig. 4b shows the asdesigned elastic modulus for the Octet-truss topology which varies
with porosity, ranging from 6.3% to 21% for porosity of 75% to 50%.
In addition, the as-designed values are stiffer than the experimental elastic modulus, the latter ranging from 3%  2% (pvalue = 0.0128) to 15%  1% (p-value < 0.001). However, for high
porosity, the response surface of the experimental elastic modulus
exhibits a variation of the elastic modulus with pore size. The
imperfect-geometry model captures this trend and predicts the
elastic modulus of the Octet-truss lattices with an average accuracy error of 12%.
Fig. 5 shows mechanical characterization maps for the compressive yield strength. Here, the values are normalized by the yield
strength of the fully solid titanium alloy (SY = 880 MPa) [33]. The
last response surface (bottom-right corner) plots the difference
between the experimental and imperfect yield strengths, normalized by the experimental value.
For the Tetrahedron topology in Fig. 5a, the as-designed yield
strength varies from 3.8% to 21% with porosity of 83% to 50%. The
response surface of the experimental yield strength displays smaller
values, ranging from 1.5%  0.2% (p-value < 0.001) to 17%  2% (pvalue = 0.0126). The imperfections included in the numerical model
enable accurate prediction of the yield strength. This is confirmed by
the imperfect-geometry model map that reveals an average error
between predicted and tested yield strength of 10% (fourth response
surface at bottom-right corner in Fig. 5a).
Fig. 5b presents the yield strength maps for the Octet-truss
topology. Governed by porosity, the as-designed yield strength
varies from 8.4% to 24%. Similar to the compressive elastic modulus, the yield strength of the built lattices displays a dependency
on the pore size at higher porosity and ranges from 4.7%  0.4%
to 20.7%  0.8%. The imperfect numerical model satisfactorily succeeds in predicting the mechanical behavior of the asmanufactured samples with an error that varies from 1.9% to
9.9% for the Octet-truss topology with an average error of 4.5%.
The maps in Figs. 4 and 5 highlight the mismatch between
mechanical properties of the ideal geometry models and the

356

D. Melancon et al. / Acta Biomaterialia 63 (2017) 350–368

Fig. 3. Morphological maps of the error between as-designed and as-manufactured morphological parameters. The fourth map (lower right corner) represents the
manufacturing error, i.e., the average of the porosity, pore size, and strut thickness errors.
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Fig. 4. Elastic modulus maps obtained from experiments, as-designed model, and imperfect-geometry model. The fourth response surface (lower right corner) illustrates the
relative error between the imperfect-geometry predicted and experimentally measured elastic modulus.
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Fig. 5. Yield strength maps obtained from experiments, as-designed model, and imperfect-geometry model. The fourth response surface (lower right corner) depicts the
relative error between the imperfect-geometry predicted and experimentally measured yield strength.
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as-built porous biomaterials. The reduction of this mismatch is
achieved by generating imperfect-geometry models with probability distributions of SLM imperfections. Using this scheme, for the
elastic modulus, the average error with the tested elastic modulus
reduces from 42% (as-designed) to 11% (imperfect-geometry) for
the Tetrahedron-based cell and from 57% (as-designed) to 12%
(imperfect-geometry) for the Octet-truss cell. Similarly, the average mismatch with the tested yield strength reduces from 51%
(as-designed) to 10% (imperfect-geometry) and from 27% (asdesigned) to 4.5% (imperfect-geometry) respectively for the
Tetrahedron-based and Octet-truss cells.

4. Discussion
4.1. Comparison to prior studies
In a recent study showing the potential of additively manufactured porous biomaterials for load-bearing applications, we have
highlighted challenges for their use in orthopaedics [8]. One of
these challenges pertains to the geometric discrepancy between
as-designed and as-manufactured porous biomaterials. In this
work, a comprehensive morphological and mechanical characterization of two high-strength cell topologies has been performed to
assess the impact geometric induced imperfections play on the
mechanical properties of porous biomaterials. Given some manufacturing defects caused by AM cannot currently be mitigated,
we have developed a methodology that can incorporate geometric
imperfections in the numerical models. The results show a strong
reduction of the error between predicted and tested properties.
The scheme here presented enables a more accurate appraisal of
the mechano-biological performance of additively manufactured
porous biomaterials for arthroplasty, especially for load-bearing
implants.
Several studies have corroborated the suitability of additively
manufactured porous titanium alloy for orthopaedic applications
[7,40,41]. From a mechanical point of view, these studies considered porosity as the main parameter governing stiffness and
strength of porous biomaterials, thereby reaching the conclusion
that for stretch-dominated cell topologies these properties scale
linearly with relative density (q), as predicted by theoretical models [27,42,43]. Supporting this claim, Pattanayak et al. [44] studied
porous titanium implants generated from CT scans of human trabecular bone and reported an increase in the compressive strength
from 35 MPa to 120 MPa with a decrease in porosity from 75% to
55%. Similarly, Murr et al. [7] investigated the effect of varying
the structural features of a unit cell on the compressive elastic
modulus of porous titanium and identified a reduction from
1.03 GPa to 0.58 GPa with porosity varying between 59% and
88%. While porosity has a great influence on the mechanical properties, more recent studies have exposed the influence of other
morphological parameters on the mechanical properties. Parthasarathy et al. [9] evaluated the effect of pore size, strut size, and
porosity on the mechanical properties of porous titanium samples
built by EBM. Compression testing revealed that not only porosity,
but also strut thickness has an influence on the elastic modulus
and compressive strength. In another study investigating SLM
manufactured samples with fixed topology and porosity, Yan [45]
recorded a reduction of stiffness and strength with larger cell sizes.
Parthasarathy and Yan’s results illustrate the limitations of using
porosity alone to predict the mechanical properties of additively
manufactured porous biomaterials. Despite extensive research on
the mechanical characterization of porous titanium, no work has
so far explored the combined role all morphological parameters
play on the behavior of porous biomaterials within the admissible
requirements for bone ingrowth.
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Other studies have considered the effects of manufacturing
imperfections in a computational framework, where the variation
of strut cross-section is accounted for in the numerical model
[39,46,47]. Ravari et al. [46] demonstrated a reduction of the error
between predicted and tested mechanical properties from 127.9%
to 6.1% for a sample with given parameters of beam and solid elements. For a wide range of porosity, Campoli et al. [47] modeled
variable cross-section as well as heterogeneous porosity of struts
to reduce the errors between predicted and tested elastic properties. In our work, we further explore the impact of other manufacturing imperfections. More specifically, besides non-uniform crosssection, center axis deviation (Fig. 2) of as-manufactured struts is
included in the numerical models. Developed in a previous work
for beam elements [39], the scheme is here applied to solid elements with error reduction for the elastic modulus from 42.0% to
4.0% and for compressive strength from 47.2% to 12.7%. This work
thus put forward a systematic strategy that can explain, predict,
and reduce geometric and mechanics mismatches between asdesigned and as-manufactured porous biomaterials.
4.2. Clinical implications: geometric mismatch
For cementless orthopaedic implants, bone formation is a critical requirement that depends not only on exogenous factors (the
properties of the implanted material), but also on endogenous factors controlled by the characteristics and regenerative capability of
the host bone [48]. In this work, we focus on the influence of morphological parameters of porous biomaterials that are relevant to
bone ingrowth. For a periodic porous biomaterial, rational design
of porosity, pore size, and pore interconnectivity can bolster bone
ingrowth through perfusion and transport of osteoinductive factors, such as cells, proteins, and genes [1–3,17]. For example, pore
sizes must first respect the known dimensions that have been
shown to clinically ensure osseointegration in an acceptable time
frame [20,21]. Second, careful adjustment of pore distribution
must be performed to enhance permeability. This is critically
important to enable vascular invasion and the supply of nutrients
and growth factors required for osseointegration [22,23]. The
results in Section 3 of this investigation highlight a clear geometry
mismatch between as-designed and as-manufactured porous biomaterials with maximum deviation of 23.4%, 22.5%, and 21.7% for
porosity, pore size, and strut thickness, respectively. This geometry
mismatch, specific to the SLM parameters used for this work, could
be even more important for as-designed geometry beyond the current capacity of additive manufacturing technology. Van Bael et al.
reported maximum manufacturing errors of 25%, 45% and 116% for
their porous biomaterials with large as-designed pore size (500–
1000 lm) and extremely thin as-designed strut thickness (100
lm) [49].
As depicted in Fig. 6, this discrepancy induces a shift of the
admissible design domains. By joining the points corresponding
to the average morphological parameters of the additively manufactured biomaterials taken from Table C.1, qualitative manufacturing domains emerge for the Tetrahedron-based and Octettruss cells and overlay those of the as-designed geometry. For both
topologies, Fig. 6 illustrates regions of the design spaces that could
not be built, as evident for the Octet-truss domain close to the current manufacturing limit for strut thickness (200 lm). In addition,
the manufacturing domains (red) for both topologies show regions
outside of the admissible design domains (grey). This could have
an important clinical impact on the implant’s performance since
biomaterials with a low porosity and a high pore size have less
bone ingrowth and the ingrowth can take longer to occur
[50,51]. The problem may accrue when the element size gets close
to the manufacturing limits, because manufacturing imperfections
can lead to complete pore occlusion. Our study proposes a
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Fig. 6. As-designed and as-manufactured spaces of the additively manufactured porous biomaterials unveiling a geometric shift caused by SLM imperfections. The error bars
represent the standard deviations of the as-manufactured pore size and strut thickness listed in Table C.1.

methodological scheme that gives insight into that geometric shift
so as to avoid the design of implants in regions where morphological parameters fall outside of the admissible design domain. For
example, if porosity of 50% along with pore size of 390 lm are
required for an orthopaedic implant with Octet-truss topology,
Fig. 6 shows the current limits of SLM in achieving this value
(50%) with manufactured porosity of 41%  6%. This manufacturing
error could lead to an implant with sub-optimal mechanobiological performance.
The geometry shift can be mitigated to a certain extent through
different approaches, such as design strategies, machine parameter
tuning, or post-processing techniques. In a recent study [52], we
developed a design strategy to compensate the design of lattice
materials by correlating the as-produced thickness to the angle a
strut forms with the building plane. This scheme allows for a
reduction of strut thickness error from 17% to 6.5%. On the other
hand, through another approach that aims at tuning machine
parameters, Qiu et al. [53] investigated the effect of changing
SLM parameters, mainly laser power and laser speed, on the quality of several morphological features including strut thickness and
porosity. Despite the success of these studies, there is an inherent
limitation on the resolution current AM technology can achieve.
Hence the methodology here presented aims at taking into account
current shortcomings so as to bridge the gap between predicted
and tested properties of porous biomaterials.
4.3. Clinical implications: mechanical property mismatch
Recent studies have shown that mechanical biocompatibility
between an orthopaedic implant and the surrounding bone tissue
can be assured if there is iso-elasticity between the two interfacial
components [10,11]. An implant with an effective stiffness close to
that of the surrounding tissue promotes load transfer and alleviates stress shielding [17,24,25]. Fig. 7a reports the as-designed
effective elastic modulus of the Tetrahedron-based and Octettruss cells on a material property chart. For porosity varying
between 50 and 83%, the range of elastic modulus for the
Tetrahedron-based cell (3–19 GPa) and Octet-truss (7–24 GPa)
can cover the elastic modulus range of cortical bone and penetrate
the spectrum of cancellous bone. This enables the tuning of elastic
modulus to levels that match bone properties, resulting in cell
morphology that ensures satisfactory bone ingrowth and reduces
stress shielding. As expected for stretch-dominated topology, the
elastic modulus of as-designed porous biomaterials scales with
the relative density as depicted in Fig. 7a by the line of constant
E=q. Compared to fully dense titanium with elastic modulus of
114 GPa, the porous biomaterials have a high potential to have
their porosity tuned to match the properties of the surrounding

native bone. Fig. 7a compares the results of the structurally porous
biomaterials herein presented with other commercially available
porous biomaterials used for coating [5,54–57]. Trabecular metal
(Zimmer Biomet), with porosity varying from 75% to 85%, exhibits
an elastic modulus ranging from 2.5 to 4.0 GPa [58]. GRIPTION
(Johnson & Johnson Medical Limited) is made of sintered titanium
beads with 63% average porosity and 0.86 GPa elastic modulus
[59,60]. Finally, the additively manufactured Tritanium (Stryker)
has an elastic modulus equal to 6.2 GPa for an average porosity
of 60% [61]. All porous biomaterials available in the market have
bend-dominated architecture and Fig. 7a reveals their reduced
structural efficiency compared to the structural porous biomaterials introduced in this work.
Fig. 7a also depicts the mechanical shift between as-designed and
as-manufactured biomaterials. As discussed in Section 3, both cell
topologies display a lower elastic modulus after fabrication, ranging
from 2 to 14 GPa for the Tetrahedron-based cell, and from 7 to 16
GPa for the Octet-truss. While the manufactured Tetraheron-based
biomaterial displays a similar scaling law to its as-designed counterpart, the manufactured Octet-truss biomaterial highlights a variation of its slope for lower relative density, i.e. for higher porosity,
which results in reduced specific stiffness. This trend is observed
in Fig. 4a for the experimental response surface of the Octet-truss
biomaterial and can be attributed to an increase of manufacturing
imperfections at high porosity. Broken and unformed struts, as well
as partial pore occlusion, found in our lCT investigation, can induce
local change in the deformation mechanism of the unit cell. This
leads to cells that are neither purely stretch-dominated nor benddominated, but a in hybrid state of deformation, thus resulting in a
dissimilar scaling law of the elastic modulus.
With respect to the yield strength, the structurally porous biomaterials here investigated show much higher values than the
porous biomaterials currently available on the market. As a result,
these biomaterials have a load-bearing capability which allows
them to be used for orthopaedic implants that are required to
withstand severe cyclic loading. Fig. 7b shows the yield strength
of the as-designed and as-manufactured biomaterials in a classical material property chart. Similar to the elastic modulus, the
compressive yield strength of the as-designed implants (23–
193 MPa for the Tetrahedron-based and 23–212 MPa for the
Octet-truss cell) scales approximately with the constant line of
ry =q (Fig. 7b). The biomaterials as-designed yield strength is
higher than their as-manufactured counterpart (13–151 MPa for
the Tetrahedron-based and 42–182 MPa for the Octet-truss cell).
As shown in Section 3 and highlighted again in Fig. 7b, the scaling
law of the yield strength shifts at high porosity for the
as-manufactured biomaterials. This could be attributed to
manufacturing defects of SLM rendering a micro-architecture
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manufactured elastic modulus 18–38% lower than the asdesigned value. For the Octet-truss cell, Liu et al. [39] obtained a
difference of 42.0% and 47.2% between as-designed and asmanufactured elastic modulus and compressive strength. Their
additively manufactured sample had a porosity of 85.3% and a cell
size of 3 mm. On the other hand, with comparable cell size and
strut thickness of 100 lm, Van Bael et al. [49] reported lower errors
between predicted and tested properties, averaging 11%. However,
these results need to be evaluated with care since the as-built
struts were 113% thicker than their nominal values, thus resulting
in as-manufactured samples stiffer and stronger than their asdesigned counterparts. Our investigation, along with the above
studies, confirms the challenge of manufacturing porous biomaterials with small features using additive manufacturing.
While Fig. 7 compares the mechanical properties of the structurally porous biomaterials presented in this work to other biomaterials available on the orthopaedic market, other studies have
proposed different cell topologies for bone replacement implants.
Cheng et al. fabricated Ti-6Al-4V high porosity samples (62%–
92%) with stochastic architecture (e.g. foam) and reticulated mesh
[63]. Similarly to our biomaterials, they showed tunability of material properties with elastic modulus varying from 0.2 to 6.3 GPa
and compressive strength varying from 4 to 113 MPa. The cubic
unit cells fabricated by Parthasarathy et al. offers an elastic modulus of 0.57–2.92 GPa and a compressive strength of 7.28–
163.02 MPa for a porosity of 50% and different strut thicknesses
[9]. Although these cells show high compressive strength and elastic modulus within the range of bone, they are all bend-dominated
and they were all tested on small samples with no clinical assessment so far reported on their bone ingrowth. The structurally porous biomaterials that we present in this work exhibit larger range
of elastic moduli (2–17 GPa) and higher compressive strength (up
to 182 MPa for 50% porosity). While other cell topologies, such as
triply periodic minimal surfaces, can achieve even higher strength
[64], in the current study, we focus on porous architecture, for
which bone ingrowth was demonstrated in vivo in canine models
[8], and which was used to engineer a fully porous femoral stem
that can reduce stress shielding [19].
Fig. 7. Material property charts comparing the mechanical properties of struturally
porous biomaterials with Tetrahedron-based (red) and Octet-truss (blue) topology
to other commercially available biomaterials: Trabecular metal (green), GRIPTION
(pink), and Tritanium (turquoise). The mechanical properties of the FE as-designed
models, represented by hidden lines, follow the scaling laws for stretch-dominated
r
cell topologies (qE and qy ). The experimental results, represented by geometric
symbols, are used to generate domains for as-manufactured mechanical properties
showing different scaling laws, especially at high porosity. (For interpretation of the
references to colour in this figure legend, the reader is referred to the web version of
this article.)

with non-uniform strut thickness along its length, non-circular
cross-section shape, mass agglomeration at the joints, and surface
roughness caused by attached beads of un-melted powder. In
addition, the strength of other porous biomaterials commercially
available is presented in Fig. 7b. The yield strength of trabecular
metal ranges from 35 to 51 MPa [59], while the yield strength
of GRIPTION and Tritanium is respectively 32 MPa and 85 MPa
[60,61]. The yield strength of Tritanium is calculated at the average porosity based on the typical scaling law characterizing benddominated cellular materials. All competing porous biomaterials
available in the market shown in Fig. 7b exhibit yield strength
lower than the structurally porous biomaterials presented in this
study.
Illustrated in Fig. 7, the mechanical mismatch between predicted and tested properties is also reported by several other
authors. For porous scaffolds with nominal porosity around 50%
and cell size of 2 mm, Dias et al. [62] reported a post-

4.4. Addressing potential limitations
This work has focused on metallic porous biomaterials with
high structural efficiency fabricated with additive processes. We
have studied their mechanical properties via a combined approach
of computations and experiments, and developed design maps that
show a mismatch in geometry and mechanical properties between
as-designed and as-manufactured biomaterials. The maps in Figs. 4
and 5 illustrate the homogenized mechanical properties of structurally porous biomaterials. They represent the effective properties
of an unbounded periodic cellular domain with unit cell size at
least one order of magnitude below the length scale of the macro
domain. They can thus be used to design bone replacement
implants. Local deformations, on the other hand, are not investigated in this study since they are highly dependent on the implant
macro geometry. Yet in the design of an implant, it is critical to
determine local stresses that result from physiological loads
applied to the implant so as to ensure proper implant fixation
[65]. Although the focus has been on two main sources of
defects—strut thickness variation and strut center axis deviation—others also play a role in the mechanics and biological performance of porous biomaterials. We refer to the mass agglomeration
at the nodes, broken or unformed struts, and surface roughness
caused by the beads of un-melted powder, defects that can be
included in the imperfect-geometry models with a scheme similar
to what is here presented. Further work is also required to complement the maps presented here with others describing bone
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ingrowth, permeability, and other metrics characterizing the biological performance of additively manufactured porous biomaterials.
Finally, while this work investigates the material response to
quasi-static compression, other loading scenarios should be studied
to warrant the use of structurally porous biomaterials in orthopaedics. Cyclic loading is especially relevant to bone replacement
implants, and is critical to understand the fatigue behavior of biomaterials. A recent study on additively manufactured porous biomaterials has highlighted a close relationship between fatigue strength
and the amount of tensile stress generated in the unit cells [66]. In
particular, it has been shown that for cubic cells, a global compression induces internal compression only at the micro-scale, a phenomenon that results in remarkably high fatigue strength to yield
strength ratio. For the stretch-dominated cells examined in this
work, on the other hand, tensile stress can appear in the cells,
thereby potentially reducing their fatigue resistance; hence further
work is needed to study their response under cyclic load.

Appendix A. Mechanical characterization details
A.1. Asymptotic homogenization
The biomaterials presented in this work have x, y, and z periodicity of 10  10  15. This corresponds to 1500 unit cells, 23,705
struts for the Tetrahedron-based topology, and 27,800 struts for
the Octet-truss topology. Full scale finite element analysis on such
complex models is computationally expensive. Instead, here we
computed the effective elastic modulus by analyzing a representative region of the biomaterial, the representative volume element
(RVE). The biomaterial is therefore replaced by an equivalent
homogeneous solid with effective properties. In this work, we performed asymptotic homogenization to solve the following local
problem defined on the RVE [67,68]:

Z
YC

5. Conclusions
The success of a load-bearing implant depends to a large extent
on its ability to promote osseointegration and to emulate the
mechanical behavior of bone. Implant fixation through bone
ingrowth, mechanical biocompatibility, and biologic performance
are important requirements to satisfy. In this work, we have
focused on the relationship between biomaterial microarchitecture and mechanical properties, and discussed their potential impact on the biological performance of load-bearing implants.
Through a combination of experiments and simulations, we have
presented morphological and mechanical property maps of two
high-strength biomaterials, for which bone ingrowth was previously demonstrated in vivo. The morphological maps capture the
distinct geometry shift between as-designed and asmanufactured biomaterials, with maximum manufacturing discrepancy of 23.4%, 22.5%, and 21.7% for porosity, pore size, and
strut thickness, respectively. The mechanical property maps also
show the potential for these materials to have their stiffness tuned
to match that of the native bone, and their strength bolstered for
load-bearing applications. The obtainable range of elastic modulus
varies from 3.7–24 GPA (as-designed) to 2–16 GPa (asmanufactured) and the obtainable range of yield strength varies
from 33.3–212 MPa (as-designed) to 13–182 MPa (asmanufactured). These maps characterize the entire admissible
domain for bone replacement implants, giving insight into the difference between simulated and tested models as a function of the
morphological parameters of the unit cell. Altogether, these geometric and mechanical mismatches have severe influence on the
implant success: the former could lead to pore occlusion that
would limit bone ingrowth, and the latter could result in a biomaterial with stiffness outside of the range of cortical and cancellous
bone, thereby falling short of the maximum achievable performance. The design maps and numerical models integrating statistical based imperfections presented in this article enable
visualization and prediction of the property shifts induced by additive manufacturing. The methodological scheme proposed in this
investigation succeeds in reducing the error between predicted
and tested mechanical properties from 49% to 11% (elastic modulus) and 41% to 7.6% (yield strength). This work provides robust
design tools for bone replacement biomaterials.

Eijpm e1ij ðmÞekl
pm ðuÞdY ¼

Z
YC

Eijkl e1ij ðmÞekl dY;

ðA:1Þ

where e1ij ðmÞ is the virtual strain, ekl
pm ðuÞ is the microstructural strain
corresponding to the component kl of the macroscopic strain tensor
ekl , Y C is the solid part of the cell, and Eijkl is the local stiffness tensor.
To maintain the periodicity of the field quantities, we impose periodic boundary conditions on the RVE by setting equal the displacement on opposite edges [68,69]. Assuming small deformation and
elastic material behavior, the solution of equation (A.1) unfolds a
linear relation between the macroscopic (eij ) and microscopic (eij )
strains:

eij ¼ Mijkl ekl :

ðA:2Þ

The local structural tensor M ijkl is given as follow:

Mijkl ¼

1
ðdik djl þ dil djk Þ  ekl
ij ;
2

ðA:3Þ

where dij is the Kronecker delta. For the three-dimensional case,
we apply six independent unit strains to construct the Mijkl
matrix. Finally, the effective stiffness tensor is computed according to the following equation, where jYj is the volume of the
entire unit cell:

EHijkl ¼

1
jYj

Z

Eijpm Mpmkl dY;

ðA:4Þ

YC

The elastic modulus along the biomaterial loading direction
(reported in this work) is obtained from the stiffness tensor given
by Eq. (A.4).
A.2. Polar plot of the elastic modulus
The effective stiffness tensor EHijkl obtained from asymptotic
homogenization is expressed in the cartesian coordinate system
(x; y; z). A new orthogonal coordinate system (x0; y0; z0) can be created with z0-axis parallel to the original z-axis, and x0-axis oriented
at an angle h counterclockwise. This transformation is shown in
Fig. A.1.
The rotation matrix of this transformation is:

2

cos h

sin h

0

0

0

1

3

6
7
½Lh  ¼ 4  sin h cos h 0 5

ðA:5Þ
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½r0 ¼ ½Lh ½r½Lh T :
Using Voigt notation, Eq. (A.6) can be written as:

ðA:6Þ
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In the new system (x0; y0; z0), Hookes’s law yields the following
equation:

½r0 ¼ ½Mr ½EH ½Me T ½e0;

ðA:12Þ

from which the effective stiffness matrix in the new configuration
½EH 0 can be expressed as:

½EH 0 ¼ ½M r ½EH ½M e T :

ðA:13Þ

The effective compliance matrix ½SH 0 is the inverse of the stiffness matrix ½EH 0 and the elastic modulus along the x0-axis can be
written as:

E0xx ¼
Fig. A.1. Transformation of stress and strain components of a material defined in
two different coordinate systems.

½r0 ¼ ½M r ½r;
2

2

ðA:7Þ
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Similarly, we can express the strain tensor as:

½e0 ¼ ½M e ½e;
2

ðA:9Þ
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In the reference system (x; y; z), Hookes’s law is expressed:

½r ¼ ½EH ½e:

ðA:11Þ

1
SH11 0

:

ðA:14Þ

Changing the rotational angle h from 0° to 360°, we can generate a polar plot of the elastic modulus along the x0-axis as shown in
Fig. A.2.
Applying the same procedure, we can generate the polar plot of
the elastic modulus on the x-z and y-z planes. Fig. A.2 shows that
the tetrahedron and octet-truss have cubic symmetry, with the latter showing nearly isotropic material properties.
A.3. Numerical yield strength calculation
To calculate the yield strength of the structurally porous biomaterials, we did not resort to AH as this technique defines the yield
strength as the macro stress at which the first element reaches the
yield point of the base material. This approach is conservative as it
underestimates the yield strength. For this reason, we conducted
detailed finite simulations on a reduced order lattice with x, y,
and z periodicity ensuring results convergence. In the numerical
calculations, the base material (additively manufactured Ti-6Al4V) was assumed to be isotropic with linear elastic perfectlyplastic behavior according to the shape of its stress and strain
curve [38] with constitutive relationship described by J2 flow theory (von Mises). The bulk properties of Ti-6Al-4V were obtained
from a set of tests of dog-bone samples fabricated with laser processing and heat treatment parameters identical to those used to
build the porous biomaterial samples of this work. The yield
strength of the base material (ry ¼ 1120 MPa) represents the
average from the yield strength measured along the building direction (996 MPa) and perpendicular to the building direction
(1145 MPa). Rigid and frictionless properties were defined for the
edge-to-edge contact between the structural struts. A smooth step

Fig. A.2. Polar plot of the elastic modulus along the x-axis for the as-designed Tetrahedron-based and Octet-truss cells.
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displacement-controlled loading was applied to obtain the numerical stress and strain curve. Rigid body movements were removed
by applying a symmetry constraint on the top and bottom planes
of the lattice. The yield strength was measured on the numerical
stress-strain curve with the 0.2% offset method as detailed in the
standard ISO 13314 [31].
Appendix B. Response surface methodology
For many engineering applications, the relationship between
true response of a system (y) and a set of predictor variables
(x1 ; x2 ; . . . ; xk ) can be unknown or not known exactly. Such relationship can be expressed as a multiple linear regression model which
can be written as:

y ¼ b0 þ b1 x1 þ b2 x2 þ    þ bk xk þ e;

ðB:1Þ

where y is the true response variable and the parameters bj ; j = 0, 1,
. . . ; k, are called the regression coefficients. This model spans a kdimensional space defined by the regressor fxj g. The parameter e
is the error of the regression model.
To provide a continuous approximation of the true response,
in this work, we use response surface methodology to generate
the morphological and mechanical property maps. First, we perform a design of experiments in the admissible domain for bone
replacement biomaterials to allow the generation of secondorder models in two variables. These models are expressed as
follows:

y ¼ b0 þ b1 x1 þ b2 x2 þ b11 x21 þ b22 x22 þ b12 x1 x2 þ e;

ðB:2Þ

where y is the true property of the biomaterials, x1 the pore size,
and x2 the strut thickness. If we let x3 ¼ x21 ; x4 ¼ x22 ; x5 ¼ x1 x2 ;
b3 ¼ b11 ; b4 ¼ b22 , and b5 ¼ b12 , we can write Eq. (B.2) in the general form of a multiple linear regression model in Eq. (B.1).
To estimate the regression coefficients bj , we use the method of
least squares. The model Eq. (B.1) can be written in matrix notation
as:

y ¼ Xb þ e;

ðB:3Þ

where:
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Since the goal is to find the regression coefficient vector b that
minimizes the error vector e, we can write the least squares functions as:

L¼

n
X

e2i ¼ eT e ¼ ðy  XbÞT ðy  XbÞ:

ðB:4Þ

i¼1

Eq. (B.4) can be further developed to obtain:

L ¼ yT y  2bT XT y þ bT XT Xb:

ðB:5Þ

The least squares estimators b0 ; b1 ;    ; bk must satisfy:


@L 
¼ 2XT y þ 2XT Xb ¼ 0:
@bb

ðB:6Þ

Eq. (B.6) simplifies to the normal equations in matrix form:
T

X Xb ¼ XT y:

ðB:7Þ

Solving the normal equations gives the least squares estimator
b of the regression coefficients b:


1
b ¼ XT X
XT y:

ðB:8Þ

Hence, the fitted regression model is:

^ ¼ Xb:
y

ðB:9Þ

The residuals are:

^:
e¼yy

ðB:10Þ

The coefficient of determination is:

R2 ¼

SSR
SSE
¼1
:
SST
SST

ðB:11Þ

The sum of squares of the regression SSR , the sum of squares of
the residual SSE , and the total sum of squares are:

Table B.1
Response surfaces coefficients of determination.



T

Unit cell

Response
surface

Reference
figure

Coefficient of
determination (R2)

Tetrahedron

Porosity error
Pore size error
Strut thickness error
Manufacturing error
As-designed E
Experimental E
Imperfect model E
Exp vs.Imperfect E
As-designed SY
Experimental SY
Imperfect model SY
Exp vs.Imperfect SY

Fig.
Fig.
Fig.
Fig.
Fig.
Fig.
Fig.
Fig.
Fig.
Fig.
Fig.
Fig.

3a
3a
3a
3a
4a
4a
4a
4a
5a
5a
5a
5a

0.841
0.856
0.322
0.439
0.989
0.962
0.957
0.670
0.982
0.988
0.979
0.960

Porosity error
Pore size error
Strut thickness error
Manufacturing error
As-designed E
Experimental E
Imperfect model E
Exp vs.Imperfect E
As-designed SY
Experimental SY
Imperfect model SY
Exp vs.Imperfect SY

Fig.
Fig.
Fig.
Fig.
Fig.
Fig.
Fig.
Fig.
Fig.
Fig.
Fig.
Fig.

3b
3b
3b
3b
4b
4b
4b
4b
5b
5b
5b
5b

0.946
0.983
0.936
0.942
0.992
0.924
0.945
0.831
0.999
0.979
0.981
0.958

Octet-truss

2

SSR ¼b XT y 

Rni¼1 yi
n



;

T

ðB:12Þ

SSE ¼eT e ¼ yT y  b XT y;

ðB:13Þ

SST ¼SSR þ SSE :

ðB:14Þ

To generate the property maps presented in this paper, we use
Eq. (B.9) and discretize the admissible design domains shown in
Fig. 1. To validate the response surface methodology and give a statistical background to the maps, we present in Table B.1 their coefficients of determination.
Appendix C. Experimental data
All response surfaces shown in this work are generated from the
analysis of the morphological and mechanical results of 160 manufactured porous samples. Table C.1 lists the morphological
parameters obtained via lCT, where l and r represent respectively mean and standard deviation. The strut thickness is categorized by its orientation with respect to the building plane.
Similarly, Table C.2 details the mechanical properties of the experimental samples, the as-designed models, and the imperfectgeometry models.
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Table C.1
Experimental results of the morphological characterization.
Unit cell

#

Porosity [%]

l

r

Pore Size [mm]

Strut thickness [mm]

l

0°

r

45 °

90 °

l

r

l

r

l

r

Tetrahedron

1
2
3
4
5
6
7
8
9

52.7
58
54.2
64.1
52.9
77
50
73
82

0.8
4
0.4
0.6
0.7
1
7
3
2

0.45
0.44
0.6
0.6
0.35
0.6
0.25
0.61
0.67

0.09
0.08
0.1
0.1
0.06
0.1
0.04
0.04
0.05

0.40
0.42
0.47
0.40
0.27
0.22
0.19
–
0.23

0.06
0.05
0.06
0.05
0.04
0.03
0.04
–
0.06

0.36
0.33
0.46
0.40
0.30
0.22
0.18
0.22
0.23

0.07
0.04
0.07
0.05
0.05
0.05
0.04
0.02
0.04

0.38
0.18
0.48
0.40
0.27
0.21
0.19
0.20
0.22

0.04
0.03
0.04
0.05
0.06
0.04
0.04
0.02
0.05

Octet-truss

1
2
3
4
5
6
7

48
49
48
61
41
66
58

2
5
1
2
6
2
3

0.49
0.48
0.64
0.66
0.38
0.64
0.57

0.03
0.04
0.06
0.07
0.07
0.06
0.04

0.28
0.23
0.34
0.28
0.23
0.22
0.24

0.04
0.03
0.09
0.06
0.05
0.04
0.05

0.25
0.23
0.35
0.28
0.22
0.21
0.23

0.05
0.04
0.05
0.05
0.04
0.05
0.05

–
–
–
–
–
–
–

–
–
–
–
–
–
–

Table C.2
Numerical and experimental results of the mechanical characterization
Unit Cell

#

Elastic Modulus [GPa]
Design (D)

Exp (E)

l

r

l

Yield Strength [MPa]
Imperfect (I)

p-values

r

l

r

D vs. E

Design (D)

Exp (E)

Imperfect (I)

p-values

I vs. E

l

r

l

r

l

r

D vs. E

I vs. E

Tetrahedron

1
2
3
4
5
6
7
8
9

18.0
11.5
17.1
11.4
15.4
5.6
19.2
5.7
3.7

–
–
–
–
–
–
–
–
–

12
9.0
13
8.3
14
3.9
10
4.2
2

2
0.3
2
0.9
1
0.7
3
0.5
1

13.4
9
12
9.3
16
3.5
11
4.8
2.9

0.3
1
1
0.7
2
0.2
1
0.9
0.4

0.0291
< 0:001
0.0084
0.0013
0.0746
0.0063
0.0071
0.0113
0.1803

0.111
0.619
0.566
0.103
0.230
0.214
0.429
0.287
0.383

178
121
164
110
158
48.5
184
33.3
43.6

–
–
–
–
–
–
–
–
–

146
101
141
98
151
35
112
22
13

12
2
18
9
17
5
8
8
2

145
98
136
96
163
32
128
25
17

18
12
6
17
17
5
10
8
4

0.0040
< 0:001
0.0386
0.0438
0.4347
0.0039
0.0043
0.1244
< 0:001

0.914
0.719
0.546
0.908
0.415
0.401
0.115
0.603
0.041

Octet-truss

1
2
3
4
5
6
7

23.8
13.2
21.6
14.2
21.6
7.2
14.0

–
–
–
–
–
–
–

15
11
16
9
14
3
8.1

2
2
1
1
5
2
0.9

16.7
12
17.6
10
16
4.1
9

0.2
2
0.8
1
2
0.8
2

0.0041
0.0522
0.0011
0.0017
0.1415
0.0126
0.0001

0.277
0.277
0.219
0.232
0.607
0.390
0.317

212
127
182
136
194
73.9
128

–
–
–
–
–
–
–

181
137
182
116
144
41.6
93.5

22
34
7
13
11
3
13

184
134
185
122
148
46
101

13
6
16
2
6
3
38

0.0341
0.6367
0.9442
0.1201
0.0145
< 0:001
0.0039

0.852
0.831
0.747
0.498
0.582
0.128
0.697

Appendix D. Imperfect-geometry model generation
This section details the generation process of the numerical
imperfect model with porous architecture that is statistically

equivalent to that of their as-manufactured counterpart. Fig. D.1
explains how the manufacturing imperfections are quantified.
From the lCT-reconstructed model, the surface mesh of struts is
used to measure the effective radius and center axis deviation.

Fig. D.1. Schematic of the process to quantify manufacturing imperfections (Octet #6 selected here as example).
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We separate the struts based on their building orientation, as
shown in Fig. D.1 for a representative horizontal and diagonal strut
of the Octet-truss topology. The Tetrahedron-based topology has
vertical, diagonal, and horizontal struts with respect to the
building plane. The struts are sectioned with intersecting planes
perpendicular to the as-design axis and the nodes lying on this
plane are used to fit a circle that minimizes the error with the
cross-section profile. The diameter of the circle is defined as the

as-manufactured strut thickness that changes along its length.
Once the center of the circle of each plane has been calculated,
we can obtain the offset value of this center with the as-design axis
of the struts. This offset is defined as the as-manufactured center
axis deviation.
Once we quantify the struts imperfections, we construct probability distributions of the thickness and the center axis offset. In
turn, each probability distribution is fitted to a probability density

Fig. D.2. Smoothed probability density distributions of strut thickness and center deviation for the Octet #6.

Fig. D.3. As-designed model,

lCT-reconstructed unit cell, and representation of manufacturing defects on imperfect model for Octet #6.

D. Melancon et al. / Acta Biomaterialia 63 (2017) 350–368

function using a Kernel density estimation. This enables generation
of numerical data (strut thickness and center deviation) that follow
the imperfections distributions. Fig. D.2 presents the smoothed
probability density distributions for the horizontal and diagonal
struts of the Octet #6. These data are used via an in-house code
as input in the computer aided design of each strut to create
imperfect numerical models with porous architecture that is statistically similar to that of the as-manufactured one. Fig. D.3 presents
the as-designed model with perfect-geometry of the unit cell,
which serves as a reference for the computation of the mechanical
properties. Unit cells of the lCT-reconstructed model and the
imperfect-geometry model are also presented in Fig. D.1.
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