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a b s t r a c t

Porous biomaterials that simultaneously mimic the topological, mechanical, and mass transport proper-
ties of bone are in great demand but are rarely found in the literature. In this study, we rationally
designed and additively manufactured (AM) porous metallic biomaterials based on four different types
of triply periodic minimal surfaces (TPMS) that mimic the properties of bone to an unprecedented level
of multi-physics detail. Sixteen different types of porous biomaterials were rationally designed and fab-
ricated using selective laser melting (SLM) from a titanium alloy (Ti-6Al-4V). The topology, quasi-static
mechanical properties, fatigue resistance, and permeability of the developed biomaterials were then
characterized. In terms of topology, the biomaterials resembled the morphological properties of trabec-
ular bone including mean surface curvatures close to zero. The biomaterials showed a favorable but rare
combination of relatively low elastic properties in the range of those observed for trabecular bone and
high yield strengths exceeding those reported for cortical bone. This combination allows for simultane-
ously avoiding stress shielding, while providing ample mechanical support for bone tissue regeneration
and osseointegration. Furthermore, as opposed to other AM porous biomaterials developed to date for
which the fatigue endurance limit has been found to be �20% of their yield (or plateau) stress, some
of the biomaterials developed in the current study show extremely high fatigue resistance with endur-
ance limits up to 60% of their yield stress. It was also found that the permeability values measured for
the developed biomaterials were in the range of values reported for trabecular bone. In summary, the
developed porous metallic biomaterials based on TPMS mimic the topological, mechanical, and physical
properties of trabecular bone to a great degree. These properties make them potential candidates to be
applied as parts of orthopedic implants and/or as bone-substituting biomaterials.

Statement of Significance

Bone-substituting biomaterials aim to mimic bone properties. Although mimicking some of bone proper-
ties is feasible, biomaterials that could simultaneously mimic all or most of the relevant bone properties
are rare. We used rational design and additive manufacturing to develop porous metallic biomaterials
that exhibit an interesting combination of topological, mechanical, and mass transport properties. The
topology of the developed biomaterials resembles that of trabecular bone including a mean curvature
close to zero. Moreover, the developed biomaterials show an unusual combination of low elastic modulus
to avoid stress shielding and high strength to provide mechanical support. The fatigue resistance of the
developed biomaterials is also exceptionally high, while their permeability is in the range of values
reported for bone.
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1. Introduction

Porous biomaterials that mimic the various properties of bone
are in great demand. That is due to their utility in substituting bone
and their application in various types of orthopedic implants that
need to avoid stress shielding while offering enough mechanical
support and long fatigue life. Moreover, the mass transport proper-
ties of bone-mimicking porous biomaterials such as their perme-
ability have to be properly designed [1–3] to allow for nutrition
and oxygenation of cells residing in the inner space of the porous
biomaterials. Fully porous biomaterials provide multiple advan-
tages as compared to other types of biomaterials [4]. These advan-
tages include greater flexibility in adjustment of mechanical
properties [5], increased surface area that could be used for bio-
functionalization and infection prevention [6], and a large pore
space that facilitates bone ingrowth and drug delivery from within
the implants [7].

Design and manufacturing of porous biomaterials that simulta-
neously satisfy all the above-mentioned criteria in terms of
mechanical and mass transport properties, are challenging enough
but not necessarily sufficient for the desired level of bone tissue
regeneration. Geometry in general, and the curvature of the surface
on which cells reside in particular, has recently emerged as an
important factor that determines the rate of tissue regeneration
[8]. Multiple studies have, for example, shown that tissue regener-
ation increases with curvature and that tissue regeneration pro-
gresses much further on concave surfaces as compared to convex
and flat surfaces [8–11]. Design and manufacturing of porous bio-
materials whose curvature is most favorable for bone tissue regen-
eration have therefore received increasing attention to improve
bone tissue regeneration. This coincides with recent advances in
the additive manufacturing techniques. These advances enable
the fabrication of tissue engineering porous biomaterials with arbi-
trarily complex geometries for an ever-expanding portfolio of
biomaterials.

Minimal surfaces are mathematically rigorous concepts from
the differential geometry of surfaces (Fig. 1). In non-
mathematical terms, minimal surfaces are like soap films. These
films span a minimal surface area between given boundaries
[12]. The specific property that makes minimal surfaces appealing
for bone tissue regeneration is that they have a mean curvature of
zero. A mean curvature of zero, as noted by others [13], resembles
the mean curvature of trabecular bone, which is also known to be
close to zero [14,15]. Moreover, minimal surfaces are frequently

found in nature and tissues of a variety of species [16,17]. Exam-
ples, as nicely summarized by Kapfer et al. [17], include ‘‘beetle
shells, weevils, butterfly wingscales and crustacean skeletons”
[18–22]. It has been recently hypothesized that porous biomateri-
als based on minimal surfaces demonstrate enhanced bone tissue
regeneration performance [8].

In the present study, we aimed to generate porous biomaterials
based on triply periodic minimal surfaces (TPMS) (minimal sur-
faces with ‘‘translational symmetries in three independent direc-
tions” [12]) that present a unique combinations of topological,
mechanical, and mass transport properties. With these properties
they mimic the various properties of bone to an unprecedented
level of multi-physics detail. Rational design and additive manu-
facturing were used to generate these biomaterials. The ‘rational’
design of biomaterials refers to the process of utilizing physical/
biological principles and the established relationships between
the topology of biomaterials and their performance to devise cer-
tain ‘design criteria’. It is assumed that simultaneous satisfaction
of relevant design criteria will result in improved bone tissue
regeneration performance. The design process started from four
different types of TPMSs and took a number of other design con-
densations into account to produce a large set of variations of por-
ous biomaterials with different dimensions, porosities, and unit
cell types. We used selective laser melting (SLM) for production
of metallic porous biomaterials at the micro-scale. SLM is an addi-
tive manufacturing process in which successive addition of layers
based on a computer-aided design (CAD) is used for free-form
fabrication of three-dimensional metal parts. The biomaterials
fabricated using SLM have precisely-controlled and highly repro-
ducible micro-architectures. Both of those features are essential
for realizing the advantages of rationally designed geometries.
We studied the topological, quasi-static mechanical properties,
fatigue resistance, and permeability of all types of the designed
and additively manufactured porous biomaterials to evaluate their
success in mimicking the various properties of bone.

2. Materials and methods

2.1. Porous biomaterial design and manufacturing

Four TPMS structures, primitive (P), I-WP (I), gyroid (G), and
diamond (D) were generated using k3DSurf, a software which pro-
vides all the options to produce complex 3D geometries in a finite
volume with the use of implicit functions and inequalities. Because

Fig. 1. TPMS porous biomaterials. Top: STL file assemblies of 1.5 mm unit cells, bottom: cylindrical specimens with a height of 20 mm and a diameter of 15 mmmanufactured
with selective laser melting. From left to right: primitive, I-WP, gyroid, diamond.
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the only available file export option in K3Dsurf is .OBJ, a CAD con-
verter software (MeshLab) was used to convert OBJ files to STL file
format. Finally, STL files were imported to ABAQUS/CAE 6.13 [23].
By keeping the size of the unit cell constant (1.5 � 1.5 � 1.5 mm)
and varying the sheet thickness of the TPMSs, four porosities
between 43% and 77% per minimal surface type were designed.
The porous biomaterials with the highest porosity to the lowest
porosity are indicated by the numbers 500, 600, 700 or 800 that
follow after P, I, G or D. For example, the P500 has the highest
porosity of the primitive porous biomaterials and the P800 the
lowest porosity. Magics (Materialise, Belgium) was used to assem-
ble the porous biomaterials based on the different TPMS unit cells.
The open porous titanium (Ti6Al4V Grade 23 ELI) biomaterials
were built on support structures with a customized version of
the 3D Systems ProX DMP 320 machine at LayerWise N.V. (Bel-
gium). Cylindrical specimens with a designed height of 20 mm
and a diameter of 15 mm were produced (Fig. 1). The details of
the manufacturing process can be found in the supplementary doc-
ument accompanying the paper.

2.2. Porous biomaterial morphology

The morphology of the porous biomaterials was characterized
using micro-computed tomography (micro-CT) and the dry weigh-
ing method. Four samples of every type of porous biomaterial were
scanned using a micro-CT scanner (Quantum FX, Perkin Elmer,
USA).

A tube voltage of 90 kV, tube current of 180 lA, a scan time of
3 min, and a voxel size of 60 � 60 � 60 mm3 were used. This resolu-
tion was used because our micro-CT scanner has a field of view
(FOV)-dependent spatial resolution. Therefore, it would not be pos-
sible to scan the whole porous biomaterials of 20 mm in length
with higher resolutions, e.g. voxel size of 20 � 20 � 20 mm3. If we
used a higher resolution, the calculations would not be representa-
tive of the entire geometry. Furthermore, a voxel size of
60 � 60 � 60 mm3 should be sufficient to capture the details of tra-
becular thickness and spacing as well as porosity.

The projection images were reconstructed using built-in soft-
ware of the scanner, and transferred to Analyze 11.0 software to
obtain 2D slices, representing the cross-sections of the specimens.
Fiji v.1.49s [24] in combination with the plugin BoneJ v.1.4.0 [25]
was used for the segmentation of the images. First, the lower limit
for the brightness level was adjusted to make sure only the Ti-6Al-
4V was visible in the slices. Then the auto local threshold was
applied, which computes the threshold value for each voxel within
a specified radius in an 8-bit image. The Bernsen algorithm was
selected with a radius of 6. This combination was chosen, because
it gave the best results for the segmentation of the data when all
algorithms available were evaluated by observation. After segmen-
tation, circular regions of interests (ROIs) were created on the cross
section of the specimens. The Fiji plugin BoneJ v.1.4.0 [25] was then
used to three-dimensionally compute the morphological proper-
ties of the porous biomaterials. The porosity of porous biomaterials
was determined using the ‘‘volume fraction” option, the pore size
(Tb.Sp) and sheet thickness (Tb.Th) were retrieved with the ‘‘thick-
ness” option. The surface area was obtained with ‘‘isosurface”
option using a resampling value of 3 and a threshold of 128, and
the degree of anisotropy (DA) was determined with the default set-
tings of the ‘‘anisotropy” option with a value of 20 for the mini-
mum amount of spheres and a tolerance of 0.0005.

The dry weighing method is based on the assumption that Ti-
6Al-4V has a specific density of 4.51 g/cc. By weighing the speci-
men and dividing this mass by the mass of a solid cylinder with
the same outer dimensions, the material percentage or apparent
density (AD) of the specimen was determined. The porosity u
was defined as u ¼ 1� AD.

2.3. Permeability

The permeability of the porous biomaterials was determined
using experiments. Eq. (1) (Darcy’s law) and Eq. (2) were used to
determine the permeability and the Reynolds number (Re), respec-
tively. The Reynolds number indicates whether the flow is laminar
or turbulent. For porous media, the flow was assumed to be lami-
nar if 1 < Re < 10 [26]. The micro-CT data for the pore size was used
as the pore diameter d (Table 2) to determine the Reynolds number
(Eq. (2)).

j ¼ v � l � L
DP

ð1Þ

and

Re ¼ v � q � d
l

ð2Þ

where
j Permeability coefficient [m2]
l Dynamic viscosity coefficient of the fluid [Pa∙s]
L Height of the sample [m]
v Darcy (superficial) velocity [m/s]

DP Pressure difference [Pa]
Re Reynolds number [–]
q Density of the fluid [kg/m3]
d Diameter of the pore [m]

2.3.1. Permeability measurements
The falling head method was used in the permeability experi-

ments. In this method, a column above the sample provides the
water head. A vacuum pump was used to fill this column with
water. When the column was filled, the air valve was opened and
the water flowed back into the tank through the sample (Fig. 2).
The samples were wrapped with heat shrink tubing and then
pressed into a rubber holder to ensure a tight fit and prevent leak-
age from the sides.

The water pressure at the bottom of the column was measured
just above the porous biomaterial with a pressure gauge and regis-
tered every second in LabView (v.11.0).

Four samples of every type of porous biomaterial were used in
the permeability experiments. The process described above was
repeated five times for every sample, resulting in twenty measure-
ments for every specimen. Six steps were taken to derive the per-
meability from the experimental results.

1. The difference in water level per second within the water col-
umn was used to determine the fluid velocity within the col-
umn vcolumn ¼ @h

@t , where h is calculated from the measured
pressure using Eq. (4b).

2. The volumetric flow rate was computed by multiplying this
velocity by the cross-sectional area of the column (Acolumn), per-
pendicular to the flow direction.

3. The volumetric flow rate (Q) was divided by the cross-sectional
area of the specimen (Abiomaterial) to derive the flow velocity
through the sample.

4. In the graph where the pressure drop DP (Eq. (4)) was plotted as
a function of the velocity of the fluid through the specimen
(vbiomaterial), a power law (R2 > 0.998) was fitted to the data. This
power law was then used to extrapolate the data for velocities
close to 0.

5. The Reynolds number was computed using Eq. (2), where v is
defined in Eq. (3).

6. In the region where the Reynolds number was between Re = 1
and Re = 10, which is the laminar regime in porous media,
Darcy’s law could be applied [26]. For all specimens, the slope
in this region was computed. As described in Darcy’s law, this
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slope is equal to the reciprocal of the permeability j, multiplied
by the dynamic viscosity coefficient (l) and the length of the
specimen (L), i.e. l�Lj .

The steps described are summarized in Darcy’s law (Eq. (1)),
where v and DP are defined as

v ¼ vbiomaterial ¼ vcolumn � Acolumn

Abiomaterial
ð3Þ

and

DP ¼ Pmeasured � q � g � L ð4Þ
where

vbiomaterial Fluid velocity through the specimen [m/s]
vcolumn Fluid velocity within the column [m/s]
Acolumn Cross sectional area of the column [m2]

Abiomaterial Cross sectional area of the specimen [m2]
h Water level within the column [m]

Because the kinetic term 1
2 � q � v2
� �

in Pmeasured ¼ q � g � hþ 1
2 � q � v2

was relatively low compared to the pressure of the water within
the column, this term was neglected. Hence, Pmeasured ¼ q � g � h
(4b). The values for the used parameters are summarized in
Table 1.

2.4. Mechanical testing

Nine samples of every type of porous biomaterial were used for
the mechanical tests. Six samples were subjected to static com-
pression, i.e. three with and three without lubrication. Another
three samples were used for compression-compression fatigue
tests.

2.4.1. Static mechanical testing
The static mechanical tests were carried out using an Instron

5500R mechanical testing machine with a 100kN load cell and
Bluehill v3.61 software to control the machine and record the mea-
surements. According to the standard for compression of porous
and cellular metals (ISO 13314 [27]), a constant deformation rate
of 10�2/s should be applied to the samples. This corresponds to
1.2 mm/min for all samples with a height of 20 mm. The sample
was placed between two flat hard metal machine platens and only
vertical movement was allowed. When the limit of 99 kN, or a dis-
placement of 16 mm was reached, the test was terminated. The
strain was measured by the displacement of the crossheads. As
described in ISO 13314 [27], the plateau stress (rpl) was deter-
mined as the arithmetical mean of the stresses between 20% and
30% compressive strain. The quasi-elastic gradient was determined
by the slope between the strains and stresses within the elastic
region of the stress-strain curve. The yield stress (ry) was found
by the intersection of the stress-strain curve and a line parallel
to the quasi-elastic gradient line at a strain offset of 0.2%. During
the static mechanical tests, barrelling was observed in some sam-
ples. Barrelling is a defect caused by friction at the interface of the
machine platens and the end surfaces of the specimen, and causes
the sample to become barrel-shaped. To determine if this defect
could be reduced by reducing the friction at the interface, tests
with and without molybdenum disulfide (MoS2) lubricant at the
interface of the platens and the end surfaces of the specimen were
performed.

2.4.2. Fatigue mechanical tests
A Materials Test System (MTS) testing machine was used for

compression-compression fatigue experiments. Three samples of
every type of porous biomaterial were tested at a constant force
ratio R = 0.1 (R ¼ Fmin=Fmax; where Fmin and Fmax are the applied
minimum and maximum forces, respectively [28]) using a sinu-
soidal waveform at a frequency of 15 Hz. The maximum force
(Fmax) applied during the fatigue tests was equal to 60% of the yield
stress (ry). This value was derived from the static mechanical tests
without lubricant. The test was terminated when the sample was
fractured or when 106 cycles were reached without macroscopic
failure of the specimen. When the deviation from the mean
amount of cycles to failure was higher than 40% between the sam-
ples tested for a single load level, a fourth sample was tested. To
see the cracks within the specimens after fatigue testing, one sam-
ple of every TPMS geometry was embedded. The embedded sam-
ples were ground with P320, P800 and P1200 SiC paper, polished

Fig. 2. Permeability experiment set-up. Left: picture. Center: schematic overview 1. vacuum pump, 2. air valve, 3. water column, 4. water, 5. pressure gauge, 6. sample holder,
7. water container, 8. sample. Right: pressure difference over the sample [Pa], with h – water level within the column [m], L – length of the sample, q – density of the water
[kg/m3], g – gravitational acceleration [m/s2], Patm – atmospheric pressure [Pa], v – fluid velocity within the water column [m/s]. The kinetic terms (1=2 � q � v2) is negligible,
because this term is relatively small compared to the pressure applied by the water (q � g � h).

Table 1
Parameters and their values used in Darcy’s law and the equation for the Reynolds
number for the permeability experiments.

Symbol Parameter Value SI Unit

q Density of water 103 [kg/m3]
l Dynamic viscosity coefficient of water 10�3 [Pa�s]
L Length of the specimen 20 � 10�3 [m]
Acolumn Cross sectional area of the column 1.26 � 10�3 [m2]
Abiomaterial Cross sectional area of the specimen 1.77 � 10�4 [m2]
g Gravitational acceleration 9.81 [m/s2]
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with 3 mm diamond suspension, and observed using an Olympus
BX60M light optical microscope (LOM).

3. Results

3.1. Morphology of the porous biomaterials

For every unit cell, the porosity decreases with increasing sheet
thickness and the surface area decreases with decreasing porosity
(Table 2). The porosities measured with the dry weighing method
lay between 71–49%, 65–44%, 66–52% and 60–44% for the primi-
tive, I-WP, gyroid and diamond porous biomaterials, respectively.
These values are comparable to the porosities of the design poros-
ity and the values retrieved from the micro-CT scans (Table 2). A
lower surface area was observed for the primitive and diamond
specimens compared to the I-WP and gyroid specimens. During
the analysis of the micro-CT images, spheres with a maximum size
were fitted into the sheets and pores (Fig. 3) to determine their
size. In general, the pore size decreases with increasing sheet thick-
ness and decreasing porosity. Porous biomaterials with a similar

porosity such as P700, I600, G700, and D600, show different values
for the sheet thickness, pore size and surface area (Table 2).

3.2. Permeability values

Sixty-four samples were tested experimentally (four samples of
every type of TPMS geometry with four different apparent densi-
ties). The measurements were repeated five times for every sam-
ple, resulting in twenty measurements for every type of porous
biomaterial.

A graph with the pressure drop DP as a function of flow velocity
v through the sample was used to determine the experimental val-
ues for the laminar region (Supplementary document Fig. S1). The
permeability values (Fig. 4) were found to be dependent on the
apparent density of the porous biomaterials, i.e. the permeability
decreases with increasing apparent density. Furthermore, the
permeability depended on the geometry of the unit cell, regardless
of the apparent density of the specimens (Fig. 4). For example, the
I-WP specimens have a lower permeability than the diamond
specimens up to an apparent density of 43%. It was found that

Table 2
Morphological parameters of the different types of porous biomaterials.

Porosity u [%] Sheet thickness [mm]
(Tb.Th)

Pore size [mm]
(Tb.Sp)

Surface area [mm2] DA

Design Dry
weight

Micro-CT SD Design Micro-CT
from top

SD Micro CT
from side

SD Micro-CT SD Micro-CT SD Micro-CT SD

P500 77 71 71 0.59 216 244 33 246 30 896 240 1.26E+10 1.25E+08 0.36 0.01
P600 62 60 61 0.67 294 320 39 321 37 823 237 1.12E+10 5.46E+07 0.29 0.02
P700 56 55 56 0.81 333 349 39 351 36 791 244 1.07E+10 3.98E+07 0.27 0.03
P800 50 49 50 0.29 381 398 43 400 41 722 244 1.03E+10 5.37E+07 0.20 0.01
I500 65 65 54 0.50 155 271 41 275 38 392 99 1.72E+10 3.52E+08 0.13 0.01
I600 57 56 49 1.16 196 298 49 304 47 390 121 1.58E+10 5.20E+08 0.20 0.03
I700 52 52 45 1.28 221 326 56 330 53 383 126 1.43E+10 3.79E+08 0.17 0.04
I800 44 44 39 0.42 250 362 64 367 62 361 130 1.29E+10 4.50E+08 0.18 0.04
G500 69 66 62 0.93 169 258 41 261 39 464 72 1.62E+10 1.12E+08 0.25 0.09
G600 63 62 58 0.74 178 272 38 272 37 458 76 1.58E+10 1.72E+08 0.30 0.01
G700 57 58 54 1.20 230 295 39 296 38 435 75 1.47E+10 2.77E+08 0.26 0.02
G800 51 52 48 0.80 261 330 41 332 40 406 76 1.38E+10 1.41E+08 0.24 0.00
D500 61 60 47 0.52 163 292 37 291 38 370 58 1.82E+10 1.13E+08 0.30 0.01
D600 57 52 41 1.85 196 375 66 370 67 429 99 1.12E+10 3.42E+08 0.26 0.01
D700 49 48 37 0.9 203 430 63 428 66 427 99 1.06E+10 3.75E+08 0.26 0.02
D800 43 44 35 0.33 247 444 61 442 66 413 98 1.01E+10 1.81E+08 0.21 0.01

Tb.Th., trabecular thickness, Tb. Sp., trabecular spacing, DA, degree of anisotropy.

Fig. 3. Micro-CT images of the sheet thickness and pore size. Sheet thickness: maximal spheres fitted into sheets. Pore size: maximal spheres fitted into pores. a. P500, b. I-
WP500, c: G500, d. D500.
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the permeability decreases with increasing flow velocities due to
growing inertial effects (Fig. 4). The highest (6.1 � 10�9 m2) and
lowest (5.5 � 10�11 m2) permeability values for the laminar regime
were found for the P500 and I800 samples, respectively. For a pres-
sure difference of 9000 Pa, the permeability varied between
4.9 � 10�11 m2 and 4.8 � 10�10 m2.

3.3. Mechanical tests

3.3.1. Static mechanical tests
Nine samples of every type of porous biomaterial were used for

the mechanical tests. Six samples were subjected to static com-
pression with or without lubricant (three for each test) and three
to compression-compression fatigue tests. The stress-strain curves
obtained from the static compression tests were used to derive dif-
ferent mechanical properties. These include the plateau stress rpl,
quasi-elastic gradient, and yield stress ry. The values shown in the
following graphs are the averages of the three samples of every
type of porous biomaterial used for the tests.

Different failure modes were observed for the different types of
porous biomaterials during the static compression tests (Fig. 5
Compression, Supplementary document Table S1). These failure
modes are dependent on the geometry of the unit cell and could
be related to the stress-strain curves (Fig. 6, Supplementary docu-
ment Fig. S2). All primitive and gyroid specimens, and I-WP spec-
imens with a low apparent density showed barrelling. In this case,
the mid height of the sample was bulging out and layers collapsed
onto each other (Fig. 5b). The I-WP with a higher apparent density
and all diamond specimens failed due to shear band localization
(Fig. 5a, c). One or multiple shear bands (Fig. 5a, c) were observed
in these specimens. In the primitive specimens with the highest
density, shear bands were visible, but no shear fracture occurred
(Fig. 5d Compression).

The stress-strain curves were typical for porous biomaterials
[29,30] with the same stages of deformation and same features
including the linear increase in stress with strain, a relatively long
plateau region with fluctuating stresses, and finally a region of
rapid increase in stress (Fig. 6, Supplementary document Fig. S2).

It was observed that the peaks and valleys in the stress-strain
curves (Fig. 6, Supplementary document Fig. S2) were caused by
the formation of shear lines and the build-up of stresses after the

load was transferred to neighboring sheets or unit cells. The
stress-strain curves of the diamond specimens (Fig. 6, Supplemen-
tary document Fig. S2) have a short yield plateau, after which the
curves demonstrated large levels of irregularity due to shear frac-
ture of the samples.

The stress-strain curves remained largely similar when the
samples were tested with or without lubricant (Fig. 6, Supplemen-
tary document Fig. S2). Some samples of the D700 and D800 failed
under pure shear before 20% strain was reached. Because the pla-
teau stress rpl, is defined as the mean stress between 20% and
30% strain, these values presented in Supplementary document
Fig. S3 are based on only one or two measurements.

For all types of porous biomaterials, the yield stress ry, and pla-
teau stress rpl, increased with increasing apparent density (Fig. 7,
Supplementary document Fig. S3). A slightly higher plateau stress
was observed for the samples tested with lubricant.

The values of the quasi-elastic gradient of the primitive, I-WP,
and gyroid samples tested without lubricant increased almost lin-
early with increasing apparent density (Fig. 8). For all porous bio-
materials, the values for the quasi-elastic gradient were reduced
with the application of lubricant.

3.3.2. Fatigue behavior of the porous biomaterials
The primitive specimens showed the shortest fatigue life with a

maximum amount of approximately 3 � 104 cycles. The fatigue life
of the I-WP, diamond and gyroid specimens varied between
1 � 105 and 7 � 105 cycles. It was observed that the primitive
and I-WP specimens show a slight increase in cycles to failure as
the apparent density increased, while the opposite held for the
gyroid specimens (Fig. 9). Generally, the fatigue samples of all
types of unit cells failed under a 45o angle (Fig. 5 LOM). Two types
of specimens from the diamond and I-WP structures, namely the
D500 and I800, were still intact after 1 � 106 cycles (Fig. 9).

In the primitive and gyroid specimens, crack initiation was
observed at the inside of the unit cells (Fig. 5 LOM). The optical
microscopy images of the I-WP show crack development at manu-
facturing imperfections and small pores in the bulk material (Fig. 5
LOM). The weak parts of the geometry seem to be the connections
between two unit cells, and the vertical and horizontal sheets.
Although no macroscopic damage of the diamond (D500) speci-
mens was observed after 1 � 106 cycles, cracks were present

Fig. 4. Permeability values derived from the experiments for the different apparent densities of the TPMS porous biomaterials. Green and blue dots represent the
permeability values obtained from the laminar region 1 < Re < 10 and for a pressure gradient of 9000 Pa (turbulent flow).
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Fig. 6. Stress-strain curves for the primitive, I-WP, gyroid and diamond specimens with four different porosities of the static compression tests performed with a strain rate of
1.2 mm/s. The shadow around the curves represents the standard deviation from the mean of three samples.

Fig. 5. Compression – Different failure modes of samples during the static compression tests. a. shear lines (purple) in different directions, b. barrelling (green), c. one shear
line (purple), d. diagonal collapsing (green) of layers.Fatigue – Shear failure at 45 degrees of specimens after fatigue tests and LOM images of embedded samples. The pink
dashed line shows the boundary of one unit cell. The white arrows indicate the initiation of crack formation. The blue arrows indicate crack formation from the inside of the
unit cell. The circles in the LOM images of the I-WP specimen (f) indicate examples of crack formation due to manufacturing imperfections (blue) and weak parts of the
structure (red). e. primitive, f. I-WP, g. gyroid, h. diamond. (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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within the samples (Fig. 5 Fatigue). These cracks initiated in the
sheets at the periphery of the specimen and propagated to the cen-
ter via the vertical sheets (Fig. 5, LOM). Cracks were also visible in
the intersections of the horizontal and vertical sheets (Fig. 5, LOM).

4. Discussion

AM porous metallic biomaterials based on four different types
of triply periodic minimal surfaces and with relatively wide range
of relevant porosities were developed in the current study. The
results of the characterization test introduced earlier show that
the developed biomaterials present an interesting combination of
morphological properties, quasi-static mechanical behavior, fati-
gue resistance, and permeability. These properties make them
excellent bone-mimicking biomaterials that can withstand fairly
large deformations (>0.5%) and exhibit exceptionally high fatigue
strength. These results make them potential candidates as bone-

mimicking orthopedic implant designs and bone-substituting
biomaterials.

4.1. Morphological properties

The morphological properties of the porous structures charac-
terized using micro-CT and dry weighing are very close to their
design values. That is an important point given the fact that the
specific design morphology of minimal surfaces (i.e. a mean curva-
ture of zero) needs to be preserved after the additive manufactur-
ing process, to make sure the morphology resembles that of
trabecular bone. Additive manufacturing of such complex geomet-
rical surfaces at the micro-scale is quite challenging. This is par-
tially caused by the different and continuously changing
orientation of the plate-like structures that constitute the micro-
architecture of such biomaterials. For example, specific parts of
the micro-architecture of some of the minimal surfaces are in par-
allel with the powder bed while the other regions make a certain

Fig. 7. Yield stress for the different porosities of the primitive, IWP, gyroid and diamond porous biomaterials. The ‘+’ sign indicates the values of the tests with MoS2 lubricant.

Fig. 8. Quasi-elastic gradient for the different porosities of the primitive, I-WP, gyroid and diamond specimens. The ‘+’ sign indicates the values of the tests with MoS2
lubrication.
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angle with the powder bed. Proper solidification of the melted
powder to yield fully solid (i.e. pore-free) bulk (i.e. matrix) material
is particularly difficult for the horizontal parts of micro-
architecture [31] due to the disruption of heat transfer by the pow-
der bed. Moreover, the parameters used for the horizontal parts of
the micro-architecture may not work for the other parts of the
micro-architecture with different orientation. Therefore, the laser
processing parameters had to be optimized for every porosity of
every type of minimal surface. This was done during an extensive
parametric study to make sure the bulk material constituting the
porous biomaterial contained the least possible amount of pores.

Specific requirements have been laid out through past research
regarding the morphological properties that are required for max-
imum bone tissue regeneration performance of biomaterials. One
important parameter is the pore size whose effect on tissue regen-
eration performance have been extensively researched. Through
extensive review of the past research, Karageorgiou and Kaplan
[32] identified a recommended pore size of >300 lm. Micro-CT
analysis showed that the actual pore sizes of all AM porous bioma-
terials developed here are above 300 lm.

When comparing the morphological properties of the AM por-
ous biomaterials developed here and those of the trabecular bone
(Table 3), it is clear that trabecular spacing (pore size) is well
within the range of the values reported for bone. The BV/TV values
found for TPMS also overlaps with the values reported for trabec-
ular bone in a few other studies (Table 3). The trabecular thickness
values measured for AM porous biomaterials are somewhat higher
than those observed for trabecular bone (Table 3). However, the
largest difference is between the degree of anisotropy of the AM
porous biomaterials presented here and those reported for trabec-

ular bone in the literature (Tables 2 and 3). The AM porous bioma-
terials based on TPMS are much more isotropic than the native
bone tissue. The effect of this difference on the process of bone tis-
sue regeneration is difficult to predict. Anisotropy in native bone
tissue is thought to be related to the need for maximizing stiffness
and strength in the main loading direction, while keeping the bone
mass as low as possible. The above-mentioned concerns may be
less applicable in the case of metallic biomaterials where the
strength and stiffness of the bulk material, from which the porous
structures are made, are much higher than those of bone tissue.

In addition to surface properties [33–36] and functional groups
[37,38] that are known to profoundly affect the bone tissue regen-
eration process, curvature has been identified recently as a param-
eter influencing tissue regeneration [8–11,13]. The sign and
magnitude of surface curvature are shown to drastically influence
the size and rate of tissue regeneration [8–11,13]. An important
bone-mimicking aspect of the AM porous biomaterials presented
here is the fact that they mimic the curvature characteristics of tra-
becular bone. Themean curvature of trabecular bone is close to zero
[14,15], which is the same as the mean curvature of minimal sur-
faces. The effects of curvature on tissue regeneration have been
explained through themechanotransduction pathways that involve
curvature-induced tensile stresses [9,10,13,39] and might result in
the reorganization of the cytoskeleton. There is therefore a mecha-
nistic connection between the potential mechanism through which
minimal surfaces could improve bone tissue regeneration perfor-
mance and the mechanotransduction pathways of curvature-
driven tissue regeneration. Indeed, a computational model describ-
ing the effects of curvature on tissue regeneration used geometries
that could evolve to become minimal surfaces [13].

Fig. 9. Number of cycles to failure for the different apparent densities of the primitive, I-WP, gyroid and diamond specimens. The blue and green square markers for the I800
and D500 in the I-WP and diamond figures indicate that these samples were still intact after 106 cycles.

Table 3
Comparison between the morphological properties of the AM porous biomaterials presented here and those of trabecular bone from the different regions of the human body.

TPMS Various regions
[68]

Calcaneus
[69]

Femoral head
[69]

Iliac crest
[69]

Lumbar spine
[69]

Femoral neck
[70]

Greater
trochanter [70]

Vertebrae
[70]

Iliac crest
[71]

BV/TV 0.29–0.61 0.06–0.36 0.05–0.19 0.08–0.32 0.06–0.28 0.04–0.12 0.25 ± 0.06 0.10 ± 0.02 0.11 ± 0.03 0.20
Tb.Th (mm) 244–444 100–190 102–169 120–257 101–225 82–157 178 ± 27 133 ± 14 141 ± 17 100
Tb.Sp. (mm) 361–896 320–1670 456–982 480–984 523–1306 612–1269 620 ± 82 966 ± 146 922 ± 151 395

DA 0.13–0.36 1.11–2.54 1.36–2.17 1.27–2.18 1.17–1.97 1.16–1.96 – – – –
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4.2. Quasi-static mechanical properties

The mechanical behavior of the developed biomaterials in
terms of their quasi-static mechanical properties and fatigue resis-
tance were studied. Also the fluid flow properties of the associated
porous structures were characterized in terms of permeability. The
quasi-elastic gradient of the developed porous biomaterials, which
is the closest concept to elastic modulus in the study of the
mechanical behavior of porous biomaterials, was found to be
between 3.2 and 6.4 GPa. The above-mentioned range largely over-
laps with the higher end of the apparent elastic moduli reported
for trabecular bone in a study by Morgan et al. [40] (Table 4). They
evaluated trabecular bone from different areas in the body with
varying apparent densities that showed elastic moduli between
0.1 and 4.5 GPa (Table 4) [40]. The quasi-elastic modulus of the
AM porous biomaterials was also close to the lower end of the elas-
tic modulus of cortical bone reported in the literature; e.g. see val-
ues reported in Ref. [41] (Table 4). In terms of yield stress, the
values measured for the AM porous biomaterials were similar to
some values measured for cortical bone [42] and generally higher
than those measured for trabecular bone [43] (Table 4). The pla-
teau stress is also generally higher for the biomaterials developed
here as compared to the compressive strength values reported for
both trabecular and cortical bone [42–44]. The AM porous bioma-
terials based on triply periodic minimal surfaces therefore show a
combination of relatively low elastic moduli which are in the range
of those observed for trabecular and cortical bone and relatively
high yield stress and compressive strength. This is a desirable com-
bination for bone-substituting biomaterials because the relatively
low elastic modulus ensures the minimal chance of stress shield-
ing. Stress shielding occurs when an implant with a higher stiffness
carries more load than the bone around the implant. This leads to
bone resorption and eventually implant failure [45]. Because the
quasi-elastic gradient, i.e. stiffness of the porous biomaterials stud-
ied here, is within the range of the stiffness of bone, stress shield-
ing is less likely to occur. At the same time, the relatively high
mechanical strength of the bone-substituting biomaterial provides
enough mechanical support and prevents the biomaterial to fail
under mechanical loading. Given the fact that the elastic modulus
and mechanical stress are positively correlated with each other for
most naturally occurring materials, it is often impossible to
develop biomaterials that show low enough elastic modulus while
preserving high mechanical strength. The rationally designed bio-
materials presented in the current study, although based on mini-
mal surfaces, could combine both desired features. This is partially
due to their sheet-based micro-architectures structure as com-
pared to strut-based (i.e. beam-based) micro-architectures that
are used in development of many other types of porous biomateri-
als. These findings are in line with the previous findings that the
ratio of yield strength to elastic modulus is dependent on the
micro-architecture of porous biomaterials [46].

It is also important to note that friction could play an important
role in determining the quasi-static mechanical properties of AM
porous biomaterials. The use of a consistent testing protocol with
sufficient lubrication to minimize the friction is therefore recom-
mended, particularly when one is interested the in large deforma-
tion behavior of the biomaterials.

4.3. Fatigue behavior

One of the limitations of most AM porous biomaterials devel-
oped to date is their relatively low fatigue resistance. In many
studies, the endurance limit (the stress level for which the number
of number of loading cycles before failure exceeds a certain thresh-
old, e.g. 1 � 106 cycles) of such biomaterials is found to be below
�20% of the plateau (or yield) stress [47,48]. An importantTa
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property of the AM porous biomaterials developed in the current
study is their extremely high fatigue resistance as compared to
comparable AM porous biomaterials developed during the recent
years. When loaded at a stress level as high as 60% of their yield
stress, the number of cycles to failure is more than the specified
threshold (i.e. 1 � 106 cycles) for some of the porous structures
developed in the current study (e.g. I800 and D500). Once a spec-
imen has endured more than the specified number of loading
cycles, fatigue tests are usually stopped and the specimens are
assumed to have indefinite fatigue life for all practical purposes.

With a value as high as 60% of their yield stress as their endur-
ance limit, the maximum endurance limit of these porous struc-
tures is at least three times higher than that of AM porous
metallic biomaterials developed before. A threshold of 1 � 106

loading cycles is generally used in this kind of studies on AM por-
ous biomaterials that are aimed for application in orthopedic
implants. This is because the average patient walking activity is
shown to be around 2 million cycles per year (i.e. 52 weeks) [49]
and the mean bone fracture healing time is estimated to be
�16 weeks for otherwise (skeletally) healthy patients [50]. Once
bone has grown into the pores of the biomaterial, the fatigue
strength of the bone-implant complex increases by up to �10 folds
even for bone tissue with very lowmechanical properties (as might
be the case for immature bone) [51].

The much improved level of normalized fatigue resistance in
the AM porous biomaterials developed in the current study is likely
due to the topology of the internal structure of the biomaterials
which is based on sheets rather than beams. Fatigue resistance is
related to the crack initiation points, which in the case of AM por-
ous biomaterials are the notches created through the AM process
[52,53]. Beam-based designs [31,52–55] are much more prone to
development of notches as compared to sheet-based designs such
as TPMS. That is partially due to the fact that beam-based designs
are often made through sintering of a limited number of powder
particles, and the diameter of the struts is usually comparable with
the accuracy of the AM technique. In contrast, sheet-based designs
such as those based on TPMS have much more smooth and con-
nected geometries that are made from many particles. Therefore,
in comparison with beam-based porous structures, continuous
sheet-based porous structures are expected to be less sensitive to
such imperfections, which could greatly improve their fatigue
resistance. Such high levels of fatigue resistance are generally very
important for practical application of the developed AM porous
biomaterials, because implants could be designed for much higher
levels of stress without concerns for patient safety.

4.4. Permeability

The permeability of the AM porous biomaterials developed here
are in the range of permeability values reported for trabecular bone
in the literature (Table 4) [45,56,57]. Similar to trabecular bone
[45,57], the permeability of the biomaterials presented here
decreases as the apparent density increases (i.e. porosity values
decrease). This is in line with the findings of other studies, which
have found that the permeability of porous biomaterials and scaf-
folds is correlated with their porosity, as long as the pores are
interconnected [3]. Increased surface area is expected to decrease
permeability due to the additional frictional forces [58]. In the por-
ous biomaterials developed here, the surface area generally
increases with porosity. Since we found the permeability to
increase with porosity, it can be concluded that the effects of
increased porosity on permeability are more pronounced as com-
pared to the effects of any increase in frictional forces that might
occur due to the increased surface area.

Cell nutrition and oxygenation are dependent on diffusion
before the completion of angiogenesis. The reach and speed of

mass transport taken place through the diffusion process are
dependent on the morphology of the porous biomaterials and their
permeability. If high values of pressure and/or concentration gradi-
ents are required to transfer nutrients and oxygen to the cells
residing in the deepest part of the porous biomaterial, there is a
high chance that cell metabolism is disrupted at least in some parts
of the biomaterial and tissue regeneration does not properly pro-
gress. Proper values of permeability are therefore important for
ensuring unhindered mass transport within biomaterials to maxi-
mize their bone tissue regeneration performance. Even though the
absolute values of permeability measured here are found to be
dependent on the type of flow conditions, particularly for the prim-
itive and gyroid type of minimal surfaces, the permeability values
measured for both types of fluid flow remain within the reported
values of permeability of trabecular bone. That is partially due to
the relatively large span of permeability values reported for trabec-
ular bone [45,56,57]. In any case, more predictability of permeabil-
ity values may be beneficial during the rational design process of
bone-substituting biomaterials. This predictability would help
when a good description of the physical properties of the biomate-
rials is essential for computational modeling of the bone tissue
regeneration process. It is important to realize that permeability
values are known to be anisotropic also in trabecular bone [59].

4.5. Design implications

In general, availability of libraries which relate the
micro-architecture of porous biomaterials to their physical and
mechanical properties such as permeability, elastic modulus, and
fatigue life could greatly facilitate the design process [60–63].
We presented a class of AM porous biomaterials based on different
types of TPMS and with different dimensions in this study. The
results of our study show that these materials are generally cap-
able of mimicking the properties of bone tissue. Application of
the specific members of this class of porous biomaterials in the
design of orthopedic implants may, however, require additional
design considerations. For example, the type of TPMS used in dif-
ferent anatomical locations may need to be different or there might
be a need for gradients in terms of porosity and/or TPMS type to
better mimic the highly complex and spatially varying structure
of trabecular bone. One of the limitations of the current study is
that the in vitro and in vivo experiments required for evaluation
of the tissue regeneration performance of the developed biomate-
rials have not been performed.

Although many studies aiming at development of porous bio-
materials try to mimic the properties of bone, it is worth noting
that the structure of the bone tissue at its equilibrium state may
not necessarily be the best structure for the enhancing the bone
tissue regeneration process, which is a transient state and far from
equilibrium. Therefore, it may be necessary to simulate the bone
regeneration process while considering mechanobiological aspects
[64,65] and theoretical models [66]. This could improve the design
of the micro-architecture of bone-substituting biomaterials. Such
an approach would allow for direct consideration of the local load-
ing conditions experienced by cells residing on the surface of por-
ous biomaterials [67] and, thus a more mechanistic design
methodology.

5. Conclusions

Porous metallic biomaterials based on four different types of tri-
ply periodic minimal surfaces and with different porosities were
rationally designed, additively manufactured, and characterized
to evaluate their suitability for orthopedic applications. The combi-
nation of topological, mechanical, and physical properties exhib-

582 F.S.L. Bobbert et al. / Acta Biomaterialia 53 (2017) 572–584



ited by these biomaterials suggests they are promising bone-
mimicking biomaterials. In terms of topology, the rationally
designed micro-architecture of the porous structures resembled
the topological properties of trabecular bone including a mean
curvature close to zero. Most porous biomaterials have a highly
correlated elastic modulus and (yield) strength. However, the bio-
materials developed here showed a unique combination of rela-
tively low elastic moduli in the range of those observed for
trabecular bone and high yield stress exceeding those reported
for cortical bone. With this combination of relatively low elastic
moduli and high yield strength, it is possible to simultaneously
avoid stress shielding while providing strong mechanical support
for bone regeneration and osseointegration. Furthermore, as
opposed to other AM porous biomaterials developed to date, the
biomaterials developed in the current study also show extremely
high fatigue resistance with some of the porous structures showing
an endurance limit as high as 60% of their yield stress. This com-
pares to endurance limits in the range of �20% of plateau/yield
stress reported for previously developed AM porous metallic
biomaterials. Finally, the permeability values measured for the
developed biomaterials were in the range of permeability values
reported for trabecular bone in the literature. Based on above-
mentioned results, the additively manufactured porous
biomaterials developed here seem to hold significant promise for
orthopedic applications. However, in vivo studies should be per-
formed to evaluate their actual bone regeneration performance.

Appendix A. Supplementary data

Supplementary data associated with this article can be found, in
the online version, at http://dx.doi.org/10.1016/j.actbio.2017.02.
024.
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