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Additively Manufactured Semiﬂexible Titanium Lattices as
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are 3D polymer networks capable of swelling and retaining large amounts of water
without dissolving.[2,3] Different classes of
hydrogels have been developed with the
aim of promoting cell growth, cell expansion, and tissue maturation.[4,5] The viscoelasticity of native tissues can also be
replicated using hydrogels;[6–10] however,
most hydrogels lack sufﬁcient mechanical
stability to survive in vivo loading for long
periods of time.[5,11–13] Different approaches
have been reported to increase the mechanical stability of hydrogels, including modiﬁcation of crosslinking density, crosslinking
chemistry, polymer composition and the
combination of multiple polymers to form
double networks.[14–21] Nevertheless, simultaneously achieving high stiffness and
toughness in hydrogels together with good
cell biocompatibility remains a challenge
to this day.
The mechanical properties of hydrogels
may also be improved by combining them
with one or more reinforcement structures,
thereby generating hybrid hydrogels.[22,23]
Thanks to the widespread adoption of additive manufacturing
(AM) technologies such as fusion deposition modeling, electrospinning, and melt electrowriting, many approaches have focused
on the use of biodegradable polymers to reinforce hydrogels.[23,24]
Nevertheless, predicting the in vivo degradation half-life of these
reinforcement materials from in vitro tests remains challenging.[25–27] Furthermore, the hydrolytic degradation of such polymers releases byproducts that may accumulate in tissues and
have shown to cause inﬂammation[28] and even cytotoxicity.[29]
Metals such as titanium have been in clinical use for decades
and have shown low interference with surrounding tissues due to
their low electrical conductivity and formation of a passive oxide
layer during electrochemical oxidation.[30] The development of
AM techniques such as laser powder bed fusion (L-PBF) allows
for the design and manufacture of complex-shaped, patient-speciﬁc metallic implants starting from a 3D computer-aided design
(CAD) model and metal powder. Although the throughput of AM
processes is low compared to traditional manufacturing techniques, AM technologies can be highly beneﬁcial in the fabrication
of patient-speciﬁc biomedical implants and scaffolds.[31,32] To
this day, one of the greatest challenges for metal implants is
related to the stiffness mismatch between the metal component
and the surrounding biological tissues, even when implanted

Hydrogels are one of the most widespread biomaterials used in tissue engineering. However, they possess weak mechanical properties and are often
unstable in load-bearing applications in vivo. A novel class of ﬂexible Ti–6Al–4V
titanium alloy lattices manufactured using laser powder bed fusion (L-PBF)
serves as a tunable reinforcement for hydrogels, providing them with additional
mechanical stability and ﬂexibility, while ensuring biocompatibility. A study on
the design parameters of the structural elements of the lattices is performed to
evaluate their inﬂuence on the mechanical properties of the structure.
Mechanical testing of Ti–6Al–4V lattices shows a compressive modulus ranging
from 38.9 to 895.5 kPa in the ﬂexible direction. In the other two directions, the
lattices are designed to have minimal ﬂexibility. Lattices embedded in a 1%
agarose hydrogel show a strain-rate-dependent, viscoelastic behavior given by the
hydrogel component with the additional stiffness of the titanium lattice. Stress
distribution upon loading is simulated using ﬁnite element analysis (FEA) and
compared to experimental data using multiple regression statistical analysis. As a
proof of concept, an intervertebral spinal disc implant is designed with
mechanical properties matching the compressive moduli of the nucleus pulposus
and anulus ﬁbrosus reported in the literature.

1. Introduction
To mimic the structural and biomechanical properties of biological tissues, most biofabrication approaches are based on the combination of cells and biopolymers such as hydrogels.[1] Hydrogels
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into stiff tissues such as bone.[33] As a matter of fact, titanium
alloys such as Ti–6Al–4V have a Young’s modulus of around
110 GPa,[34] whereas the Young’s modulus of human bone tissue
is between 14 and 20 GPa.[35] To overcome this material mismatch, the design of titanium implants must be optimized.
The mechanical properties of additively manufactured metallic
implants can be made ﬂexible in one or more loading directions
by tuning their metallic structure. Engineered design components can therefore be patterned in 3D, generating lattices with
speciﬁc mechanical properties in each orientation.[36–38] Thanks
to the most promising capabilities of L-PBF in the automotive
and aerospace engineering ﬁeld, most lattice optimizations have
been performed in the design of high-strength octahedron,[39]
gyroid,[39,40] or strut-based[40] elements. Alternatively, the literature reports different strategies to design 3D printed structures
by topology optimization[41] where a computational software adds
or removes structural components to satisfy load requirements.
Unfortunately, the very stiff mechanical properties offered by
these elements are unsuitable for a soft tissue setting, calling
for the design and manufacture of new ﬂexible structures.
The titanium designs presented in this work are targeted at
increasing the overall ﬂexibility of titanium implants in one speciﬁc direction and to serve as reinforcement scaffolds for hydrogels. Using L-PBF, 3D titanium lattices composed of ﬂexible
struts and rigid top and bottom plates are patterned and manufactured. An array of samples is created by tuning the number
and shape of the struts, achieving a wide range of stiffnesses.
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2. Results and Discussion
2.1. Design of Lattices with Anisotropic Elastic Properties
All lattices were modelled using CAD software. The lattices were
designed to possess a low, adjustable stiffness in the z-direction
and high stiffness in x- and y-directions. Lattices were generated
by vertically stacking three triangular meshed layers (Figure 1A)
3 mm apart and connecting them by ﬂexible struts (Figure 1B).
Two different strut designs were generated, namely, a type-N and
a type-S design (Figure 1C) from multiple iterations during a
preliminary study. In addition to the strut design, parameters
such as strut thickness (150 and 300 μm, Figure 1D), strut width
(300 and 600 μm, Figure 1E), and strut number (E6, E9, and E17,
Figure 1F) were varied. Struts were patterned in three different
conﬁgurations as show in Figure 1G. The full list of parameter
combinations is reported in Table S1, Supporting Information.
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The lattice deformation was restricted to only one direction to
achieve a predictable deformation pattern. At the same time,
the lateral directions were designed with stiff mechanical properties to withstand compression. Lattices were then embedded in
a 1% agarose solution and their mechanical behavior was analyzed and compared to bare titanium lattices. Finally, as a biologically relevant use of this technology, an intervertebral spinal disc
implant design was generated using a selection of different struts
to match the stiffness of the disc anatomy.
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Figure 1. Design of lattices. A) Top view of the triangular patterned layer. B) 3D view of a lattice generated by stacking three layers of (A) and connecting
them with struts. C) Lateral view and front view of N-type (top) and S-type (bottom) lattice designs. D) Deﬁnition of strut thickness; an N-type strut is used
as an example. E) Deﬁnition of strut width. F) Strut numbers used in this analysis. G) Isometric view of a lattice with the top layer removed to show the
location of struts across each layer as the strut number is varied; the struts are mirrored with respect to the middle plane to generate the lower part of the
lattice.
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The design process of these lattices focused on three main
aspects. First, a toolbox of ﬂexible struts was created allowing
for the design of lattices with a range of stiffnesses in one direction. Second, the design and parameters of the lattices were
generated by keeping in account the minimum and maximum
size limitations of the manufacturing technology, i.e., a printing
area of 100 mm in diameter and a minimum feature size,
determined by the laser spot size, of 55 μm. Finally, the lateral
expansion under compression of the lattices was minimized
as much as possible.
2.2. Finite Element Modeling and Mechanical Characterization
of Lattices

Table 1. FEA stress on the struts of Figure 2. The location of the “central
region” and “plate connection region” is shown in Figure S1, Supporting
Information.
Sample

Strain [%]

Stress in the central
strut region [MPa]

Stress in the strut close
to the plate connections [MPa]

N E6W300T150

15

74.8

747.1

N E6W300T150

30

150.4

1502.9

N E6W300T150

50

250.7

2503.4

S E6W300T150

15

22.6

415.6

S E6W300T150

30

45.0

826.7

S E6W300T150

50

75.0

1378.0

2.2.1. Deformation Behavior of N-type and S-type Struts
Finite element analysis (FEA) was performed to assess the deformation behavior and compressive modulus of the designed lattices. The N- and S-type struts were designed to bend in different
ways (Figure 2) as a displacement was applied in the negative
z-direction on the top horizontal layer of the lattices. Figure 2
shows the deformation and Von Mises stress distribution of
N-type and S-type struts when 0%, 15%, 30%, and 50% strain
is applied on the top surface of the lattices. All other parameters
were held constant: 6 struts (E6), 300 μm strut width (W300), and
150 μm strut thickness (T150).
Irrespective of the strain applied, N-type struts translate a portion of the applied vertical strain into a small lateral movement of
the middle layer of the lattice. The top layer moves only vertically
in the direction of the applied strain, while the bottom layer is
ﬁxed in all directions. Instead, the S-type struts deform without
translating any lateral force to the middle layer. However, a small
lateral displacement of the middle layer is apparent at 50% strain,
as the central region of the struts comes in contact with the horizontal layers of the lattice.
Figure 2 also shows the stress distribution in each of the two
strut designs as it is compressed. Two high-stress areas are
located near the junction of the struts with the horizontal layers,
while the central part of the struts has lower stress values
(Figure 2 and Figure S1, Supporting Information, show these
locations). The stress values at the two extremities of the struts

are identical due to the symmetric design of the struts. As shown
in Table 1, the Von Mises stress found in proximity of the strut
connections to the horizontal layers was roughly tenfold higher
for N-type and twofold higher for S-type geometry with respect to
the stress in the central area of the struts.
This analysis allowed us to characterize the bending behavior
of the two strut designs. The different designs showed distinctive
stress distributions under load which affected the compressive
behavior and the overall deformation of the lattices. The generated lattices showed an extensive compressive range where strain
applied in the z-direction was translated either into pure vertical
strut deformation (S-type) or into vertical deformation plus
partial lateral movement of the middle triangular mesh layers
(N-type).
2.2.2. Elastic–Plastic Behavior of the Lattices
To evaluate the compressive behavior of the lattices, consecutive
loading and unloading cycles were applied to lattices in the zdirection. In more detail, samples were loaded in increasing
steps of 5% strain and then unloaded back to 0% strain at each
iteration. Figure 3A shows the plastic deformation of an N-type
(N E6W300T150) and an S-type (S E6W600T150) lattice as strain was
increased from 0% until the struts came in contact with the top
and bottom plates of the lattices. From this ﬁgure, it can be
observed that the stress–strain curve of both S- and N-type

Figure 2. Deformation dynamics. FEA simulation of N-type (top) and S-type (bottom) lattices with six struts of width 300 μm and thickness 150 μm.
Lattices are shown in their left view and the locations of higher stresses are highlighted using Von Mises stress. N-type samples deform by shifting the
middle layer toward the positive x-direction (light blue star), while S-type samples ﬂex without a shift of the middle layer below 50% strain (when the struts
touches the surrounding layers, a spike in stiffness increase is observed together with a shift toward the right of the middle layer, orange star).
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Figure 3. Lattices characterization. A) Cyclic loading of N E6W300T150 and S E6W300T150 by increasing strain in 5% steps until contact of the struts with the
layers. B) Stress–strain curves generated by FEA and experimental compression testing of an S-type (E9W600T300) and an N-type (E17W300T300) sample.
Changing the strain rate during the experimental testing has no signiﬁcant effect on the compression curve of the titanium lattices. The FEA and experimental stress–strain curves closely relate, although the FEA analysis expects a plastic deformation above 8% strain, which was not observed in the
experimental testing. C) Bar chart summarizing the experimental compressive moduli at 15% strain using a strain rate of 0.01 mm s1 for all parameters
tested. The graph shows S-type and N-type samples grouped by strut number (E), strut width (W), as well as strut thickness (T). D) Experimental stress–
strain curves for the compression of an N-type (E6W300T150) and an S-type (E6W300T150) lattice compressed in the pointed and ﬂat direction. A rapid
increase in stiffness is observed in both compression directions and for both samples. Compression in the ﬂat orientation leads to a lower ultimate
compressive strength, after which the samples start bending. Compression in the pointed orientation shows a higher stiffness but quicker failure.

samples unloaded back to 0% strain when the applied strain was
below 15%.
Above 15% strain, the loading/unloading curve of N-type
lattices shifted around 3% to the right at every compressive iteration, but the compressive modulus stayed constant as shown by
the consistent slope of the loading curves. At 70% strain, the
N-type struts touched the top and bottom layers of the lattice.
This is reﬂected on the stress–strain curve as a steep increase
in stiffness and the compressive modulus rise to 3.1 MPa. S-type
samples also showed a linear loading behavior with no plastic
deformation up to 25% strain. Above this threshold, the samples
deformed plastically. Differently from the N-type samples, the
S-type struts touched the bottom layers of the lattices at 35%
strain. At this stage, the compressive modulus increased to a
value of 487.5 kPa.
The 3% shift in strain observed in this analysis can also be
linked to the change in overall height of the lattices as they
are compressed in their plastic range. The difference between
the initial strain and the ﬁnal strain of a load–unload cycle is proportional to the difference in height of the sample before and
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after the compression. By systematically increasing the strain
applied to the samples, we observed how the plastic deformation
of the struts may inﬂuence the overall mechanical behavior of the
lattices, as well as determined the failure points at high strain
values. As physiological loads are located within the 5–10%
strain range, the elastic range of our latticed located around 15%
strain results in a safety factor of at least 2; i.e., it is capable of
sustaining at least double the maximum strain expected before
plastically deforming. In addition, the overall compressive modulus and ﬂexible behavior of the manufactured lattices is not
drastically affected for strains below 35%, therefore providing
the implant with a safer and predictable failure. This analysis is
particularly useful in the context of medical implants, where the
possibility of a failure event should be minimized.
2.2.3. FEA Analysis of Ti–6Al–4V Semiﬂexible Lattices
Figure 3B shows a comparison between the simulated and experimental stress–strain curves for one N- (N E17W300T300) and one
S- (S E9W600T300) type lattice. The FEA analysis was performed by
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applying a compressive displacement equivalent to 15% strain to
the top layer in the negative z-direction. The FEA parameters can
be found in Table S2, Supporting Information. The experimental
curves were acquired by loading the samples at 15% strain at
three different strain rates (0.01, 0.05, and 0.1 mm s1). The
FEA analysis showed that the S-type sample had a compressive
modulus of 150.5 kPa, whereas the N-type sample had a
compressive modulus of 651.7 kPa. The FEA analysis for the
N-type lattice also predicted plastic deformation occurring above
5% strain.
The compressive moduli and stress–strain curves evaluated by
FEA for all other samples are reported in Figure S2 and S3,
Supporting Information, respectively. In comparison, lattices
patterned with S-type struts had a lower compressive modulus
than N-type strut lattices and were less prone to plastic deformation. A multiple linear regression analysis was performed to
evaluate which design parameter (strut design, strut number,
strut width, or strut thickness) was correlated with a change
in compressive modulus. For both element types, modifying
the number of struts on each layer resulted in the most effective
way to alter the overall compressive modulus of the lattices
(p < 0.0001). The analysis further revealed that for N-type lattices, the thickness of the struts is the second design component
affecting the compressive moduli of the samples (p ¼ 0.0990),
followed by the width of the struts (p ¼ 0.1911). For S-type
samples, the width of the struts is the second most important
contributor to sample stiffness (p ¼ 0.0537), followed by the strut
thickness (p ¼ 0.0809). As shown in Figure S3, Supporting
Information, the FEA analysis predicts a linear stress–strain relationship for all S-type samples as well as for all N-type samples
with a thickness of 150 μm (T150) at 15% strain. Instead, the
analysis suggests plastic deformation for all N-type samples with
thickness of 300 μm (T300) even for strains as low as 7%.
The selected design parameters gave the possibility to span a
large range of stiffnesses (from 38.9 to 895.5 kPa), as shown in
the summary bar chart of Figure S2, Supporting Information,
effectively allowing the creation of a toolbox of components to
be used for the generation of lattices with different mechanical
properties. Within this toolbox, the most ﬂexible sample was predicted to be the S-type sample with E6W300T150 (compressive
modulus of 38.9 kPa) and the stiffest sample the N-type sample
with E17W600T300 (compressive modulus of 895.5 kPa).
2.3. Mechanical Characterization of Titanium L-PBFManufactured Lattices
2.3.1. Compressive Modulus at 15% Strain
Lattices were compressed in all orientations to fully characterize
their mechanical behavior. First, lattices were compressed in the
z-direction. Unconﬁned compression was performed up to 15%
strain, and the effects of design parameters on lattice stiffness
were determined. In addition to the FEA analysis previously
discussed, Figure 3B also shows the experimental stress–strain
relationship for one N E17W300T300 and one S E9W600T300 sample. The compressive moduli of the two samples at different
strain rates (0.1, 0.05, and 0.01 mm s1) are reported in
Table S3, Supporting Information. Figure 3C summarizes the
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compressive moduli for all titanium lattices and their relative
stress–strain curves can be found in Figure S4, Supporting
Information. Figure S4 and Table S3, Supporting Information,
also show that changing the strain rate of compression had little
effect on the compressive modulus of the lattices. Given the pure
elastic properties of the titanium alloy used and the relatively low
strain applied, this study suggests these samples can undergo
repetitive loading in their elastic range with no permanent plastic
deformation.
As predicted by the FEA analysis, N-type samples were stiffer
compared to S-type samples. However, a pure elastic behavior
was observed for all lattice designs at 15% strain (Figure S4,
Supporting Information), whereas the simulations suggested a
plastic deformation for N-type samples with thickness of
300 μm (Figure S3, Supporting Information). This deviation in
mechanical properties may be attributed to the simple material
model used for the FEA simulations, where a trilinear approximation of the stress–strain curve was generated using values
from the literature.[42] In addition, the onset of plastic deformation seems to be lower than the actual value of our material,
which may be attributed to the generation of a martensitic microstructure with lower mechanical properties due to the rapid heat
extraction during the L-PBF’s consolidation phase.[43] Finally, as
later shown and discussed in Figure S5, Supporting Information,
the manufacturing process itself may have altered the dimensions of the lattices, generating thicker struts cross-sections,
which eventually led to lower local stresses and the need of a
larger, nominal stress to reach the plastic yield point.
Nevertheless, the goal of this study was not to perform an
in-depth FEA to perfectly predict the mechanical properties of
the manufactured samples; rather it was performed to guide
in the design process and to perform a rapid screening for
the choice of design parameters. The compressive moduli of
the lattices calculated by FEA were also compared to experimental values by calculating the error between the two. The error
oscillates between 3% and 30% for samples with T150 but
increases up to 50% for samples with T300, suggesting that
the error may be related to an incorrect prediction of the stress
in the thicker cross-sections of the struts.
2.3.2. Lateral Compressive Behavior
Lattices were then loaded in the x- and y-orientations, which were
designed to be stiff and resist compression. This test allowed us
to measure the minimum lateral loads that would cause permanent deformation of the lattices. Figure 3D shows representative
stress–strain curves of one N- and one S- lattice when compressed in the x orientation (“pointed” side of the lattice) and
in the y orientation (“ﬂat” side of the lattice). Stresses were calculated using the projected area of the samples on each side.
When compressed on their pointed side, a rapid increase in
stress is observed up to 1146.8 kPa (N sample) and 1038.6 kPa
(S sample). A rapid failure of the lattices is observed thereafter,
as represented by the steep decrease in the recorded stress
values. When compressed on the ﬂat side, the samples started
buckling at 522.3 kPa (N sample) and 431.3 kPa (S sample)
around 1% strain. The buckling events observed after a ﬁrst steep
increase in stress describe how the samples would fail if
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subjected to high-impact loading. The very high stresses required
to deform the lattices in the x and y orientation greatly reduce the
probability of failure of these samples. For both loading scenarios, failure was due to a bending in the horizontal layers, which
resulted in a buckling event of the samples and their rupture in
the middle of the layer. These failure dynamics were expected,
given the much smaller thickness of the horizontal layers compared to their width and breadth. The thickness of the planes was
kept small to reduce the overall weight and size of the constructs
but may be modiﬁed to increase the stiffness of the samples and
the maximum force sustained before failure.
2.4. L-PBF, Surface Characterization, and Embedding of Lattices
The lattices were manufactured via L-PBF. Figure 4A shows the
build orientation chosen for the manufacture of the lattices.
Figure 4B shows a manufactured N-type lattice once removed
from the L-PBF platform. Scanning electron microscopy (SEM)
analysis of the L-PBF-manufactured surfaces revealed a roughened surface with individual particles apparent (Figure 4C
and Figure S5, Supporting Information). These particles increase
the apparent cross-section of the samples with respect to the
design parameters, but these particles do not possess loadbearing capabilities and therefore are not expected to contribute
to a major change in the mechanical properties of the lattices.
The size of the struts and layers is otherwise uniform across
the different samples and the connection between struts and

plates does not show manufacturing anomalies (Figure S5,
Supporting Information).
2.5. Mechanical Characterization of 1% Agarose–Embedded
Titanium Lattices
After characterization of pure metallic lattices (Ti-only), we characterized the mechanical behavior of 1% agarose (Aga) hydrogel
and the titanium lattices embedded in the same hydrogel
(namely, Aga-N and Aga-S samples, Figure 4D and Figure S6,
Supporting Information). A 1% agarose hydrogel solution was
chosen as a hydrogel material for the embedding of titanium lattices to show the possibility of combining a common viscoelastic
biocompatible material[44] with a titanium L-PBF-manufactured
lattice. Figure 5A shows agarose samples compressed at three
different strain rates to the S E9W600T150 lattice and the Aga-S
E9W600T150 lattice. The same comparison for N E9W600T150-type
lattices is shown in Figure 5B. Figure S7, Supporting Information,
shows the analysis for all other embedded lattice designs.
The agarose compressive curve demonstrates a viscoelastic,
strain-rate-dependent loading/unloading behavior characteristic
of hydrogels. The compressive modulus of agarose samples
changes dramatically from 43.3  2.0 to 61.2  0.4 kPa as the
strain rate is increased from 0.01 to 0.1 mm s1 (Table S3,
Supporting Information). Interestingly, the stress–strain curve
of the agarose-embedded titanium samples showed linear

Figure 4. Manufactured samples and SEM. A) Build plate showing the build direction for all samples. B) N-type, L-PBF-manufactured Ti–6Al–4V titanium
lattice. C) Scale bar: 50 μm. SEM imaging of struts with different widths and thicknesses. Four images on the left: N-type sample with struts of width
600 μm and thickness 300 μm. Four images on the right: S-type sample with struts of width 300 μm and thickness 150 μm. For both N-type and S-type
samples, small titanium particles can be observed attached to the surface of the lattices. D) N-type lattice embedded in a 1% agarose solution.
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Figure 5. 1% agarose–embedded titanium lattices. A) Experimental stress–strain curve of a 1% agarose sample (blue), an S-type lattice (S E6W600T300,
black), and a 1% agarose–embedded S-type lattice (Aga-S E6W600T300, red) at three different strain rates. The titanium-only lattice shows a linear
load–unload curve, irrespective of the strain rate used. Instead, increasing the strain rate of compression yields an increase in the compressive modulus
of the embedded lattice and a decrease of the hysteresis. B) Experimental stress–strain curve of a 1% agarose sample (blue), an N-type lattice
(N E6W600T300, black), and a 1% agarose–embedded N-type lattice (Aga-N E6W600T300, red) at three different strain rates. The titanium-only lattice shows
a linear load–unload curve, irrespective of the strain rate used. Instead, increasing the strain rate of compression yields for the embedded lattices an
increase in the compressive modulus and a decrease of the hysteresis. Compared to the Aga-S sample of (A), the hysteresis is smaller. C) Experimental
stress–strain curve of an Aga-N E6W300T150 and an Aga-N E9W600T300 sample. The viscoelastic effects of the embedding process are more pronounced in
the softer Aga-N E6 compared to the stiffer Aga-N E9 sample, as shown by the larger hysteresis. The change in stiffness due to a change of the strain rate
during compression is also reduced in the stiffer Aga-N sample. D) Experimental stress–strain curves of S and Aga-S lattices. Width and thickness for both
samples are kept at W600T150 but the number of struts is varied. Only the 0.05 mm s1 strain-rate is shown. The embedding of a titanium lattice leads to a
slight increase of the compressive modulus. As the number of struts is increased, the stiffness increases as well, and the difference in compressive
modulus between the S and Aga-S samples diminishes as well as the hysteresis.

loading behavior followed by an initial viscoelastic and then
linear unloading behavior (Figure 5), whereas the agarose-only
samples showed a nonlinear loading curve during both
loading and unloading. Furthermore, the unloading curve of
the composite was found to be slightly lower in value compared
to the bare titanium lattices. Embedding the S E9W600T150 lattice
in a 1% agarose solution led to an increase of the compressive
modulus to 139.9  3.1 kPa (1.3 times) at 0.01 mm s1 and to
179.7  1.3 kPa (1.6 times) at 0.1 mm s1. Embedding of the
N E9W600T150 lattice had instead a smaller effect on the compressive modulus, where an increase to 238.1  5.9 kPa (1.1 times)
was observed at 0.01 mm s1 and to 304.2  3.2 (1.3 times) at
0.1 mm s1. A full comparative list can be found in Table S3,
Supporting Information, and the compression curves for all
other embedded samples can be found in Figure S8,
Supporting Information.
During the loading phase, the compressive behavior of the
composite material can be explained considering the titanium
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lattice as the component responsible for carrying the majority
of the load and providing the elastic response, while the embedded hydrogel only provides a small additional stiffness. During
the unloading regime instead, compared to a pure viscoelastic
unloading behavior of the agarose hydrogel, the composite material shows both viscoelastic and linear mechanical properties.
During the ﬁrst part of the unloading, a viscoelastic behavior
is observed, whereas a purely elastic behavior is seen again once
the unloading curve intersects the stress–strain curve of the bare
titanium lattice. After the initial part, the unloading curve
becomes parallel to the stress–strain curve of the bare titanium
lattice; i.e., the unloading modulus of the composite is equal to
the modulus of the pure titanium lattice, for both S and N type,
independently of the strain rate. During unloading, the agarose
hydrogel starts recovering but is also pulled by the reinforcement
structure. As the recovery of the hydrogel is slower than the
unloading rate applied to the composite sample, the hydrogel
pulls slightly on the reinforcement structure, lowering the overall
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measured force. This can be observed when comparing the
unloading curves of the composite samples to the curves of
the titanium lattices, where the unloading curves of the former
report lower values than those of the latter due to the hydrogel
component resisting the unloading force.
The viscoelastic response of the embedded lattices was
also quantiﬁed as the area between the loading and unloading
curves on the stress–strain plot. This area is termed “hysteresis”
and can be used to characterize the energy dissipated during the
loading/unloading cycle of a sample. The hysteresis is more
prominent in embedded soft lattices (e.g., fewer struts) than
in stiff embedded ones (Figure 5C). The hysteresis is also
related to the strain rate at which the embedded samples are
compressed, where an increasing strain rate results in increased
hysteresis. For the samples of Figure 5C, the softer N E6W300T150
sample has an increase in the compressive modulus from
97.7  6.2 to 138.6  6.4 kPa and of the average hysteresis from
345.5 to 950.6 kPa (increased by 2.8 times) when the strain
rate is increased from 0.01 to 0.1 mm s1. The stiffer sample
N E9W600T300 instead has an increase in the compressive
modulus from 621.1  2.1 to 651.4  2.8 kPa and a much
smaller increase in the average hysteresis from 378.6 to
627.5 kPa (increased by 1.7 times) when the strain rate is
changed from 0.01 to 0.1 mm s1. The hysteresis values for
agarose-embedded lattices are reported in Table 2.
To further characterize the effect of embedding a metal lattice
in a hydrogel, Figure 5D shows the compression curves of three
different S-type lattices (with constant W600T150) with different
strut numbers (E6, E9, and E17) for both embedded and
titanium-only versions at the same strain rate of 0.05 mm s1.
Embedding of the reinforcement structures in agarose brings
an increase in compressive modulus (E6: 140.5  1.8 kPa; E9:
156.7  5.1 kPa, E17: 251.2  7.6 kPa) with respect to the bare
titanium samples (E6: 60.1  6.1 kPa, E9: 108.1  2.1 kPa,
E17: 193.2  7.4 kPa). At the same time, an increase of the strut
density leads to a decrease of the hysteresis energy for the embedded samples (average energy 686.9, 611.5, and 569.7 kPa for E6,
E9, and E17, respectively).
In summary, we showed that it is possible to tune the viscoelastic properties of the composite construct by modulating the
stiffness of the reinforcement lattices. When unloaded, reinforced lattices with a compressive modulus closer in magnitude
to the stiffness of the agarose hydrogel showed a linear loading
and an initial viscoelastic unloading followed by a linear-elastic
behavior. Instead, a purely linear load–unload curve was
observed for bare titanium lattices and a viscoelastic load–unload
behavior for hydrogels. Compared to the linear stress–strain
relationship observed in titanium lattices, embedded samples
also showed a so-called hysteresis loop characteristic of hydrogels. Another interesting aspect resulting from the embedding
of the titanium lattices in hydrogels was observed as the samples
were loaded at different strain rates. As commonly also seen in
hydrogels, the composite material at lower loading rates has
more time to recover and generates a small hysteresis loop.
On the other hand, faster loading rates lead to higher energy loss
and larger hysteresis loops. The duality between the viscoelastic
mechanical properties provided by the hydrogel component and
the added stiffness provided by the titanium lattice were only
possible thanks to the highly ﬂexible design of the titanium
Adv. NanoBiomed Res. 2021, 1, 2000031
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Table 2. Hysteresis loop evaluation for agarose-embedded lattices.
Strain rate
[mm s1]

Compressive
modulus [kPa]

Average hysteresis
area [kPa]

Aga

0.1

61.2  0.4

441.6

Aga

0.05

48.6  3.2

379.1

Aga

0.01

43.3  2.0

402.7

Sample

S E9W600T150

0.05

108.1  2.1

–

Aga-S E9W600T150

0.1

179.7  1.3

827.2

Aga-S E9W600T150

0.05

156.7  5.1

569.7
272.4

Aga-S E9W600T150

0.01

139.9  3.1

N E9W600T150

0.05

235.7  5.6

–

Aga-N E9W600T150

0.1

304.2  3.2

966.0

Aga-N E9W600T150

0.05

270.9  4.7

772.6
467.1

Aga-N E9W600T150

0.01

238.1  5.9

N E9W600T300

0.05

605.5  2.9

–

Aga-N E9W600T300

0.1

651.4  2.8

627.5

Aga-N E9W600T300

0.05

635.9  0.9

476.9

Aga-N E9W600T300

0.01

621.1  2.1

378.6

Aga-N E6W300T150

0.1

138.6  6.4

950.6

Aga-N E6W300T150

0.05

109.3  1.9

672.1

Aga-N E6W300T150

0.01

97.7  6.2

345.5

S E6W600T150

0.05

60.1  6.1

–

S E9W600T150

0.05

108.1  2.1

–

S E17W600T150

0.05

193.2  7.4

–

Aga-S E6W600T150

0.05

140.5  1.8

686.9

Aga-S E9W600T150

0.05

156.7  5.1

611.5

Aga-S E17W600T150

0.05

251.2  7.6

569.7

reinforcement and the high porosity of the L-PBF-manufactured
designs. The large hysteresis found in the softer composites
implies high energy dissipation capabilities of the constructs,
a property that may be useful for load-bearing implants and
implants that may require dissipation of a large amount of
energy during impact.
Current efforts to reduce the stiffness of metallic lattice
structures for biomedical implants are directed toward changing
the material, the unit cell type, the porosity,[40] and the pore
interconnectivity[45] to ensure osseointegration and to reduce
the possibility of implant loosening. To improve tissue integration, biomedical implants have previously been coated with
hydrogels[46] to provide better adhesion to surrounding tissues[47]
and antibacterial protection.[48] Until now, embedding of
titanium implants with hydrogels has only been reported with
the manufacture of stiff, macroporous structures to be used
for bone implants,[49,50] but the generation of hybrid structures
composed of bulk hydrogels and thin L-PBF-manufactured
reinforcement implants has not been reported in the
literature yet.
There are many reasons as to why metallic implants and
hydrogels may beneﬁt from each other when combined together.
Hydrogels have been extensively studied for the regeneration of
non-load-bearing implants and tissues, showing excellent results
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across a wide range of ﬁelds.[4,51,52] Combining the tissue
regeneration potential of well-established hydrogels with the
additional stiffness of titanium lattices could lead to the
generation of cell-laden implants with excellent tissue
regeneration potential that can be implanted in load-bearing
locations where the integrity of hydrogel implants alone
would not be maintained. Furthermore, the hydrogel layer
surrounding the implant may provide a smoother transition
between the metallic implant and the surrounding biological
tissues, and by integrating growth factors or molecules they
can enhance the implant integration with surrounding
tissues.[46,53]
This study demonstrates, for the ﬁrst time, the possibility of
combining the compressive strength of titanium lattices and the
viscoelastic properties of soft hydrogels, generating a hybrid
construct capable of supporting higher loads compared to
pure hydrogel constructs while still maintaining viscoelastic
properties.
The hybrid scaffolds have some constraints in terms of applications and load-bearing capabilities. First, the manufacturing
process itself poses some limitations with respect to the smallest
feature size possible. This is due to the laser spot size in the
L-PBF process, which limits the resolution to 100 μm. Second,
ﬂexibility of the struts is only observed within a determined range
of thickness and width. The reason behind this can be easily
correlated back to the material properties and to the plastic deformation onset of 820 MPa. If the strut dimensions were to be
increased excessively, local stresses would quickly reach the
onset of the plastic deformation at low strain values, effectively
limiting the ﬂexible range of the constructs. Third, combination
of these lattices with a hydrogel component may only make sense
if the difference between the mechanical properties of the lattice
and the hydrogel is not excessive. On one hand, the viscoelastic
effect of the hydrogel component may become insigniﬁcant
if the stiffness of the lattices is above 800 kPa. For example,
the stiff sample Aga-N E17W600T300 has an average hysteresis
area (392.8 kPa), which is only 0.39 times its average compressive

modulus (784.5 kPa). On the other hand, a much large hysteresis
loop was seen when the stiffness of the titanium scaffold was
smaller in magnitude and closer to the hydrogel’s stiffness.
For instance, the soft sample Aga-S E6W300T150 has an average
hysteresis area (899.6 kPa) that is 6.9 times larger than its average
compressive modulus (126.7 kPa) at 0.1 mm s1. Although these
limitations may constrain the use of the composite structures to a
subset of load-bearing regimes, soft tissue applications may
greatly beneﬁt from their implementation.
2.6. Mechanically and Spatially Tunable Artiﬁcial Spinal Disk
Replacement
One of the major challenges associated with current metallic
implant designs is the large stiffness mismatch between
implants and surrounding tissues. For this reason, metallic
implants have been mostly used with stiff tissues such as bone,
but still may pose issues to the surrounding softer tissues.
Smooth implant-tissue transitions are especially needed for bone
implants located in areas of body movement where surrounding
tissues compress and shear. For example, lumbar disc herniation
is one of the most frequently performed neurosurgical procedures today and for the most acute cases, surgical removal of
the degenerated disc is sometimes necessary. The disk can be
replaced by an artiﬁcial prosthesis that will maintain and restore
the spine’s movement compared to other techniques such as
spine fusion. Although a very high success rate is reported for
operations for cervical disc herniation in the long term (success
rate classiﬁed from 81% to 83%),[54,55] the success rate for lumbar disc herniations is much lower (success rate classiﬁed at
56%; 34% were prone to develop sciatica).[55–57] As a proof of
concept, an artiﬁcial spinal disk was designed using lattice conﬁgurations analyzed previously. The shape and size of the spinal
implant were inspired from disc anatomy (Figure 6A). The spinal
disk model was characterized by two distinctive regions with
compressive moduli matching the stiffness of the anulus ﬁbrosus and nucleus pulposus of the anatomical spinal disk

Figure 6. Intervertebral spinal disk model. A) Sketch of an anatomical lumbar spinal disk with the different components identiﬁed. B) Manufactured
spinal disk design using soft struts (S E6W300T150) in the central region of the disk and stiffer struts in the outer region of the implant (N E9W600T150),
3D view (top left), front view (bottom left) and embedded version in a 1% (w/v) agarose solution (right). C) Representative model showing the placement
of the embedded spinal disk between two vertebrae.
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(Figure 6B). An outer circular section of the model, representing
the annulus ﬁbrosus, was patterned using N-type samples with
W600T150 to achieve a compressive modulus of 110 kPa to match
values reported in the literature.[57,58] An inner region, representing the nucleus pulposus, was designed by patterning S-type
struts W300T150 to achieve a stiffness of 7 kPa, to match values
reported in the literature.[57,58] The whole spinal disk was then
embedded in a 1% agarose solution by casting (Figure 5B, right).
Figure 6C shows the hydrogel-embedded implant placed in a
lumbar spine model. Thanks to the symmetric patterning of
the struts and the deformation analysis reported in this study,
the spinal disk design presented in this section aims at reducing
lateral implant expansion during compression, which may be a
key development toward better spinal disk implants. By using
engineered struts resulting in anatomically relevant compressive
moduli, this artiﬁcial spinal disk model may provide range of
motion and structural support as close as possible to a healthy
intervertebral disk.

3. Conclusion
In summary, semiﬂexible titanium lattice designs for hydrogel
reinforcement were presented. A parametric study on the
designs was performed showing their potential in generating
structures with both ﬂexible and stiff properties tunable to
case-speciﬁc needs and loading applications. Once a library of
ﬂexible components was generated, it was possible to combine
and assemble them together to form structures with speciﬁc
compressive properties at different locations, like in the example
of the spinal disk design. Varying the thickness and width of the
struts, as well as their density, allowed modifying the stress–
strain relationship of the constructs. Thanks to the use of L-PBF,
these complex structures could be manufactured in a one-step
process using biocompatible metallic alloys. This manufacturing
process also allowed the reduction of production cost and waste
material and increased the freedom of the sample design, conditions ideal for the generation of patient-speciﬁc implants.
Embedding the structures in an agarose hydrogel added viscoelastic properties to the lattices while maintaining the strength
of the titanium reinforcement. The presented design allowed
the generation of structures capable of mimicking biological
organs, where ﬂexibility or strength could be spatially and directionally tuned. This feature may be beneﬁcial for biomimetic
implants where mechanical stability together with a soft biocompatible 3D environment for cells must be ensured after
implantation.

4. Experimental Section
Computational Aided Design of Lattices: Lattices were designed using
Solidworks 2018. First, two types of struts were designed (S type and
N type). The width parameters were varied between 300 and 600 μm
and the thickness parameters were varied between 150 and 300 μm.
Second, triangular unit cells were patterned to form a layer. Third, an
assembly was generated by placing the struts across the layer. A second
layer was vertically aligned to the ﬁrst and placed on top of the connective
elements. Finally, the assembly was then mirrored with respect to the
middle of the second layer to form a third layer. The spinal disk design
was generated similarly, where a custom shaped layer was patterned with
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struts of choice. To avoid the shift of the layers in the positive x-direction
due to the N-type struts’ deformation during compression, elements were
patterned symmetrically with respect to the center y-axis.
L-PBF: The lattices were fabricated from a Ti–6Al–4V powder (GE
Additive) by L-PBF on a Sisma MySint 100 (Sisma S.p.A, Italy) equipped
with a 200 W 1070 nm ﬁber-laser operating in continuous wave mode with
a Gaussian intensity distribution and a 55 μm spot size. The powder had a
grain size 15 μm < d < 45 μm with a median d50 of 37.5 μm. The chemical
composition of the powder is reported in Table S4, Supporting
Information. The samples were built on 100 mm titanium build plates with
the following parameters: 110 W, 900 mm s1, 30 μm layer thickness, and
80 μm hatch spacing. The samples were processed with a bidirectional
scan strategy (90 rotation between layers) with border contour. Argon
shielding gas was used during the process (<100 ppm O2). The chemical
composition of the manufactured samples is reported in Table S4,
Supporting Information. Afterward, the samples were removed from
the build plate by electrodischarge machining (EDM). Test cubes
(10  10  10 mm3), which were fabricated prior to the lattices with the
same processing parameters, showed a relative density of >99.7% as
measured by the Archimedes methods. Therefore, the microporosity in
the lattices was not determined.
SEM: Scanning electron microscope analysis of the lattices was performed with an FEI NanoSEM 230 in secondary electron imaging mode.
Hydrogel Synthesis: Agarose solution was prepared by mixing 1% (w/v)
agarose (Sigma Aldrich) in phosphate buffered saline at pH 7.4 (Gibco).
The solution was heated to 80 ºC for 20 min. Once dissolved, the solution
was used immediately. To form a gel, the solution was poured and left to
cool down at room temperature for at least 30 min in a humid environment to prevent dehydration.
Sample Embedding: To evaluate the mechanical properties of the
lattices in combination with a hydrogel component, ﬂexible titanium
lattices were embedded in agarose solution by casting the hydrogel in a
container and allowing it to ﬂow in the lattices (Figure S6, Supporting
Information). Once solidiﬁed, a custom tool was used to cut the samples
into shape. Agarose-only (1%) samples with no embedded lattices were
also generated.
FEA: Abaqus CAE was used to perform FEA on the produced designs.
Lattice models were exported from Solidworks 2018 as STEP ﬁles and
imported in Abaqus CAE as single parts. To simplify the material model,
a trilinear approximation of the material properties was performed, as
shown in Table 1. The top layer of each lattice was coupled and
constrained in all directions and moments to the reference point placed
above the lattice. A vertical displacement was applied to the reference
point to simulate an unconﬁned compression setup. The bottom layer
of the lattices was constrained as an “encastre,” where all forces and
moments were set to zero. A seed size of 0.3 was used for all simulations
after a mesh convergence was reached where the difference in maximum
Von Mises stress between seed sizes was less than 2.5%. Reaction forces
and displacement were exported from each simulation using the Excel
export framework. The nominal area given by the projected area of the
triangular layers of the lattices was used to calculate stresses.
15% Strain Compression Testing: Compression testing of agarose
samples and softer S and N patterned lattices was performed using a texture analyzer (TaTx Plus, Stable Microsystems) using a 500 N load cell to
reduce noise in the acquisition. Samples were compressed at 15% strain
for the characterization of the compressive modulus by applying a 50 g
preload and allowing the sample to relax for 60 s before starting the measurement. For all other compression analysis, a texture analyzer (TaHD
PlusC) with a 50 kN load cell was utilized. For the characterization of
the titanium samples at high strains, samples were repeatedly loaded
by increasing the applied strain in steps of 5% until the struts were seen
to encounter the top or bottom layer. Stresses were calculated using the
nominal area of each sample. The compressive modulus was calculated
using the initial, linear region of the loading stress–strain curve.
Statistical Analysis: Data were analyzed using Matlab (Matlab 2019b,
Mathworks). Samples were always tested in triplicates (i.e., n ¼ 3).
Reported values represent mean  standard deviation (SD). A leastsquare, multiple linear regression statistical analysis was performed in
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Prism 8.2.0 (GraphPad Software, Inc). A p-value below 0.05 was considered statistically signiﬁcant (*p < 0.05, **p < 0.005, ***p < 0.0001).

Supporting Information
Supporting Information is available from the Wiley Online Library or from
the author.
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