


ORIGINAL ARTICLE

Computationally Designed 3D Printed Self-Expandable
Polymer Stents with Biodegradation Capacity
for Minimally Invasive Heart Valve Implantation:
A Proof-of-Concept Study
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Abstract

The evolution of minimally invasive implantation procedures and the in vivo remodeling potential of
decellularized tissue-engineered heart valves require stents with growth capacity to make these techniques
available for pediatric patients. By means of computational tools and 3D printing technology, this proof-of-
concept study demonstrates the design and manufacture of a polymer stent with a mechanical performance
comparable to that of conventional nitinol stents used for heart valve implantation in animal trials. A
commercially available 3D printing polymer was selected, and crush and crimping tests were conducted to
validate the results predicted by the computational model. Finally, the degradability of the polymer was
assessed via accelerated hydrolysis.

Keywords: biodegradable polymer stent, computational modeling, minimally invasive surgery, tissue-
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Introduction

Every year, *280,000 patients undergo heart valve sur-
gery worldwide1 and the number of patients requiring heart
valve replacement is expected to triple by 2050.2 Biopros-
thetic and mechanical valves are currently available life-
saving substitutes.3 Nonetheless, the lack of repair and
growth capabilities of these alternatives demands staged
interventions in pediatric patients as they outgrow the
prostheses. Recent developments in decellularized tissue-
engineered valves (DTEHVs) are promising in terms of
remodeling capacity. These valves were implanted mini-

mally invasively in sheep and demonstrated rapid host cell
repopulation and extracellular matrix production, indicative
for growth potential.4 Stent devices for minimally invasive
heart valve implantation are crucial to enable delivery and
provide instant support to the prosthesis after deployment.
However, the stent is only required until the heart valve is
fully integrated into the host tissue. In addition, for DTEHVs
to be considered as an alternative for pediatric patients, it is of
importance that the stent can accommodate for growth.
The currently used metal stents, which reside permanently
inside the body, lack growth capacity and may incur long-
term complications such as hyperplasia.5,6 Bioabsorbable
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polymers, broadly investigated for their applicability in stent
devices, are an attractive option.7 These materials are not
only of interest due to their short-term presence but also
because they might enable other benefits, such as low late
thrombus formation and less interference with minimally
invasive techniques such as magnetic resonance imaging.8

Polymer stents for minimally invasive heart valve applica-
tions have to meet a set of criteria such as sufficient radial force
(RF), to maintain their position after deployment, and limited
plastic deformation to secure initial valve functioning until
host body integration. In this proof-of-concept study, we aim to
produce a computational-based, self-expandable polymer stent
prototype with biodegradation potential. Our goal is to achieve
the same mechanical performance and implantation capacity
as a nitinol stent currently used for preclinical implantation
studies of DTEHVs in sheep.4 To design a polymer stent with
such requirements, a finite element (FE) computational model
of a nitinol stent was used as reference. To translate the com-
putational simulations into physical polymer prototypes, fused
deposition modeling (FDM) technology was combined with a
commercially available flexible thermoplastic copolyester
elastomer (TPC). Copolyesters are an interesting category of
bioabsorbable polymers since the ester bonds are susceptible
to hydrolysis. The TPC was mechanically characterized by
tensile tests and used as input for the computational model.
Based on this computationally engineered design, 3D
printed stents were obtained and subjected to crush and
crimping tests for mechanical validation. Ultimately, an
accelerated in vitro degradation test of the polymer stents
was performed to assess the biodegradability of the TPC via
hydrolysis. Degradation over time was determined via
mechanical tensile tests, differential scanning calorimetry
(DSC), gel permeation chromatography (GPC), and scan-
ning electron microscopy (SEM).

Materials and Methods

Computational simulations

Polymer mechanical characterization. Wires of FlexiFil
(Formfutura, Nijmegen, the Netherlands), a flexible TPC
filament used for FDM applications, and 3D printed dog
bone samples of this material were tested (n = 3 each) to
take into account the effects of the production procedure.
Both groups were evaluated by uniaxial tensile tests in
a universal testing machine (Zwicki-Line, Zwick/Roell,
Germany) equipped with a 2.5 kN load cell. Samples were
loaded at ambient temperature until breaking to assess the
mechanical properties. Stress versus strain curves were
determined and compared. Finally, the mechanical prop-
erties of the 3D printed samples were used as input for the
computational models.

Stent design. The stent geometry used for the computa-
tional model is based on a self-expanding laser-cut nitinol stent
(pfm medical, Germany) for minimally invasive tissue-
engineered heart valve implantation in sheep. The stent is
composed of a repeating design with 3 rings of 40 struts,
connected by tilted bridges. Three-dimensional computational
models simulating stent crushing, crimping, and self-
expansion were developed using FE software (ABAQUS 6.14,
Dassault Systèmes Simulia Corp. Providence). These models
were validated for the nitinol stent in a previous study.9

The optimization procedure is an iterative process that
consists of adjusting the polymer stent geometry aiming to
fulfill two main goals: (i) allow crimpability of the stent to a
diameter of 12 mm consistent with the implantation proce-
dure and (ii) obtain an RF that is comparable to the nitinol
stent alternative for the aimed implantation diameter. Based
on these considerations, the performance of the polymer
prototype can be anticipated by means of computational
models in terms of crimp and crush behavior, and compared
with the reference nitinol stent. Design parameters such as
width, thickness, and number of struts can be adjusted to
modify the response of the polymer stent.

Computational crush test. A model of half stent geome-
try covering 360� (due to axial symmetry) was used, fixing
two nodes in the horizontal direction to avoid rotation. Two
plane rigid surfaces were created to simulate parallel plates,
initially separated by 31 mm. Surface to surface, finite sliding
frictionless contact, enforced by the penalty algorithm, was
imposed between the compressing plates (master) and the
outer surface stent (slave). Only vertical displacement of
the upper plate was allowed, compressing the stent until a
clearance of 5 mm with respect to the lower plate. Afterward,
the upper plate returned to its initial position. The vertical
reaction force and the displacement of a reference point
placed on the upper plate were registered. Due to the sym-
metry condition, the force was multiplied by two to obtain the
final results. Force versus displacement curves of nitinol and
polymer stents were compared.

The stent design was modified until the crush response
of the polymer stent was equal to or higher than the
nitinol stent.

Computational crimping test. To reduce computational
time, only a portion of the stent was modeled. The stent
geometry was reduced by 1/n, where n is the number of struts.
Circumferential symmetry boundary conditions were im-
posed in agreement with this geometry reduction and axial
displacement was prevented by applying a displacement
boundary condition at one end of the stent. A cylindrical
rigid surface was used to simulate a crimping tool and cal-
culate the RFs. Frictionless contact was assumed between
the external surface of the stent and the internal surface
of the tool. For transapical implantation of heart valves,
12 mm delivery complies with clinical relevant adminis-
tration through the apex of the heart.10 Therefore, the stents
were crimped by applying radial displacement to the
crimping tool until it reached a diameter of 12 mm to
simulate transapical delivery. After crimping, the contact
between the stent and the tool was deactivated to allow self-
expansion. The RF of the reduced model was determined
by summing the radial reaction forces of all the nodes of
the rigid cylinder. To obtain the total RF of the stent, re-
sults were multiplied by n and plotted versus the stent outer
diameter (OD).

The polymer stent design was modified to make the
stent crimpable, minimizing self-contact of the struts. Force
versus diameter curves of nitinol and polymer stents were
compared. Furthermore, to illustrate the result of design pa-
rameter modifications, the effects of reducing the polymer
strut thickness was assessed.
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Prototyping and validation

Prototyping. Based on the computational model, an op-
timal stent geometry in terms of RF, crimpability, and re-
covery was converted to a stereolithography file format via
MakerWare software (V 2.4.1.35, MakerBot, New York).
The stent design was translated into physical prototypes
by using FDM 3D printing technology (Replicator� 2X,
MakerBot). Printer settings were specified for a nozzle
temperature of 210�C and a plateau temperature of 130�C.
Layer height was set at 0.2 mm with a polymer extruding
speed of 90 mm/s and a nozzle travel speed of 150 mm/s. To
account for the differences between the computationally
derived stent geometry and the 3D printed prototype, a
digital image of a stent portion was acquired (30 X, Key-
ence Digital Microscope VHX-500F) from which a strut
profile with more accurate dimensions was sketched and
incorporated in the computational models repeating the
crush and crimping simulations.

Experimental crush tests. Polymer stent prototypes
(n = 5) were crushed in a universal testing machine (Zwick/
Roell, Germany) equipped with a 2.5 kN load cell in an
ambient environment. The stents were compressed from their
nominal diameter until a 5 mm clearance between plates at a
speed of 0.2 mm/s. Afterward, the top plate returned, at the
same speed, to its initial position. Force versus plate dis-
placement was measured. Experimental and computational
crush results were compared overlapping the displacement
versus force curves.

Experimental crimping tests. Polymer stents (n = 3) were
crimped in an RF machine (RX 650, Machine Solutions, Inc.,
Flagstaff, Arizona) at a speed of 0.2 mm/s. A crimping head
composed by 12 movable wedges disposed about a rotational
axis, crimped the stents from their nominal diameter until
12 mm. The displacement of the head was later reversed al-
lowing self-expansion of the stent. Experimental and com-
putational crimping results were compared by overlapping
the diameter versus force curves.

In vitro degradation characterization

Differential scanning calorimetry. DSC analyses were
used to characterize the melting and crystallization behavior
of the polymer, to set the appropriate temperature for en-

hanced degradation (823e/700, Mettler-Toledo). A sample
was heated to 300�C at 20�C/min, maintaining this temper-
ature for 5 min, and cooled down to 25�C at the same speed.
In a subsequent cycle, heating and cooling were performed
without holding time. The recorded heat flow was normalized
by sample mass. Curves from the first cooling and second
heating were computed.

Enhanced hydrolysis. Polymer stents (n = 15) were sub-
jected to enhanced hydrolysis in a temperature-controlled
water bath, containing demineralized water maintained at
90�C. Every 7 days, three stents were retrieved, freeze-dried
overnight, and stored in an airtight sealed container at room
temperature until mechanical testing.

Mechanical analysis. Diamond-shaped samples were cut
from the stents and tested uniaxially, by stretching in the
circumferential and longitudinal direction (n = 2 per direction
and time point) until break, to assess the loss of mechanical
properties by hydrolysis over time.

Gel permeation chromatography. The effect of hydroly-
sis on the molecular weight of the polymer was assessed via
GPC. The GPC measurements (n = 18) were performed on a
Mixed-D column (300 · 7.5 i.d. 5 lm particles, Agilent
Technologies) using chloroform at 1 mL/min as the mobile
phase and a photodiode array (PDA, SPD-M20A, Shimadzu)
as the detector. The chromatograms were recorded for the UV
absorption of 254 nm. The system was calibrated with poly-
styrene standards.

Scanning electron microscopy. To investigate the micro-
scopic effects of hydrolysis on the polymer stents, freeze-dried
samples (n = 18) were analyzed via SEM (UHR-SEM, FEI) at
low-vacuum mode with a secondary electron detector at 10 kV.

Results

Polymer stent design

Mechanical characterization of the polymer. The mate-
rial properties of the TPC used in this study were determined
via uniaxial tensile tests. To assess the influence of 3D
printing on the mechanical properties of the material, stress–
strain curves obtained from the polymer wires and 3D printed
dog bone samples were compared (Fig. 1A). The printed

FIG. 1. Polymer stent design. (A) Stress–strain curves of polymer wire and dog bone samples; (B) 3D printed prototype;
and (C) computational geometry adjusted considering the prototype dimensions.
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samples deviate from the linear behavior for lower stress
values than the wires. However, despite these differences, the
decay in tensile properties is not drastic. The averaged stress–
strain curve from the printed dog bones was used as input for
the simulations.

Polymer stent prototyping. The geometry of a nitinol
stent used in preclinical studies4 was iteratively modified and
implemented in computational crush and crimping tests, with
the material properties of the polymer. Adjusting the design
parameters to enhance crimpability and RF simultaneously is
an extensive process that requires several modifications and
ultimately a delicate balance between opposing effects. For
example, an increase in the width of the struts increases the
RF of the stent. However, it reduces crimpability and in-
creases the plastic deformation during crimping, leading
to smaller diameters after self-expansion. Furthermore, width
increase eventually requires a decrease of the number of
struts, to fit these dimensional changes along the stent cir-
cumference. In addition, this reduction has to be performed
in such a way that the total number of struts is dividable by 3
to ensure proper symmetry for valve suturing purposes.
Consequently, width increase requires removal of more struts
than intended, resulting in a considerable decrease of the
RF. An increase in the thickness of the struts generates an
increase in the RF without altering the diameter after self-
expansion. Nevertheless, the material and 3D printing tech-
nique did not allow a considerable thickness variation in
practice. Modifying the length, width, and shape of the
bridges that link the struts also contributed to the optimiza-
tion process.

In general terms, the design that provided the closest
performance to a nitinol stent of similar diameter consisted of
a stent geometry with 24 struts, 6 rows of struts, an OD of

30.5 mm, and a length of 30 mm. The prototyped stent,
however, slightly differs from the computationally derived
geometry due to factors inherent to the 3D printing manu-
facturing process (Fig. 1B). To account for these differences,
a strut sketch was derived from a digital image of the stent
prototype (Fig. 1C) and incorporated in the simulations,
which were repeated for a direct comparison with experi-
mental tests.

To illustrate the performance of the optimal design, the 3D
printed stent prototype was inserted in a transapical delivery
device and deployed in a water bath at 37�C. The crimping
method before implantation consists on placing the stent in-
side a crimping device (Fig. 2A) and reducing its diameter
to *10 mm (Fig. 2B) to facilitate insertion in the delivery
tool. Once the stent has been transferred from the crimping
device to the delivery tool, its OD is 12 mm (Fig. 2C). To
illustrate the transapical stent delivery, the crimped stent
was deployed in a water bath at 37�C by gradually pushing
the stent out of the implantation tool and allowing its self-
expansion (Fig. 2D–H).

Computational analysis and experimental validation

Crush tests. The simulation shows the presence of plastic
deformation at the sides of the stent, creating an oval geom-
etry after load removal (Fig. 3A). Experimental force versus
displacement curves, resulting from the crush tests of the
polymer 3D printed prototypes, were obtained and compared
with the computational crush simulation (Fig. 3B). Experi-
mental results are in good agreement with the computational
models.

Crimp tests. The simulation shows a plastic deformation
repetitive pattern that is more severe at the zones where
two struts meet, causing a reduction in stent diameter after

FIG. 2. Crimping and delivery of the 3D printed prototype. (A) 3D printed stent placed inside crimping device. (B) Stent
crimping to an approximate diameter of 10 mm. (C) Stent transferred to the transapical delivery device with an internal
diameter of 12 mm. (D–H) Self-expansion as the stent is pushed out of the delivery system.
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load removal (Fig. 3C). Experimental force versus diameter
curves resulting from the crimp tests of the polymer 3D
printed prototypes were obtained and compared with the
computational crimping (Fig. 3D). Also here, good agree-
ment between computational predictions and experimental
results can be observed. However, the diameter after self-
expansion could not be properly captured. Computationally,
loading and unloading slopes are coincident. Experimentally,
the unloading slope is less steep than the corresponding
loading curve. Comparing experimental and computational
results, only the loading curves overlap causing a diameter
mismatch during unloading. The 3D printed prototype after
crimping shows no strut fracture or abnormal strut shape
(Fig. 3E, F).

Comparison with nitinol stent. Computational crush
polymer stent results were compared with equivalent

simulations performed on the nitinol stent that served
as a reference. The resulting crush force of the poly-
mer stent is higher than the nitinol stent (Fig. 4A). Due
to the presence of plastic deformation in the polymer,
the unloading curve does not overlap with the loading
curve for low values of plate displacement as it hap-
pens with the nitinol stent due to the superelastic nature of
this material.

The computational predictions of the crimping behavior
of the polymer and nitinol stents were as well compared
showing that both alternatives can provide the same RF for
a diameter of 22 mm (Fig. 4B). For smaller diameters, the
polymer stent provides even a higher RF than the nitinol
stent. The presence of plasticity is not evidenced in the nitinol
stent and the initial diameter is recovered upon unloading,
whereas the polymer stent experiences a diameter reduction.
This situation suggests that if both stents have the same

FIG. 3. Crush and crimping tests. (A) Computational crush test (equivalent plastic deformation); (B) computational
and experimental force versus displacement curves. Experimental results shown as mean value – standard deviation.
(C) Computational crimp test (equivalent plastic deformation); (D) computational and experimental force versus
diameter curves. Experimental results shown as mean value – standard deviation. (E, F) 3D printed prototype after
crimping.
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nominal diameter, the polymer stent would be suitable for
implantation in smaller arteries due to its lower diameter
after self-expansion. Comparing the unloading curves of
both stents, it can be evidenced that the slope of the poly-
mer stent is steeper than the one of the nitinol stent in the
vicinity of the intersection point between both lines. To
soften the force variation with respect to diameter changes,
the thickness of the polymer stent was consequently re-

duced. This situation causes a reduction of the RF of the
stent while keeping the diameter after self-expansion con-
stant (Fig. 4C).

In vitro degradation characterization

Differential scanning calorimetry. Polymer phase transi-
tion was analyzed by DSC (Fig. 5A). It can be observed that

FIG. 4. Computational-based comparison between polymer and nitinol stent. Computational-based comparison between
polymer and nitinol stent: (A) crush force versus displacement curve; (B) crimping force versus diameter curve. (C)
Crimping force versus diameter curve for different strut thicknesses of the polymer stent.

FIG. 5. In vitro characterization of polymer stent. (A) DSC analysis for identification of crystallization and melting phase
regions; (B) enhanced degradation at 90�C: GPC graphs showing degradation of the polymer in time. The black curve shows
the retention at the beginning of the experiment. The gray curve shows the retention at the end of the experiment; (C)
maximum force at break in the circumferential and longitudinal direction as a function of time; and (D) maximum strain at
break in the circumferential and longitudinal direction as a function of time. Results shown as mean value – standard
deviation. DSC, differential scanning calorimetry; GPC, gel permeation chromatography.
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this copolyester has a crystallization temperature of 133�C
and a melting temperature of 184�C. Therefore, an enhanced
in vitro degradation study conducted in 90�C water is ex-
pected only to enhance hydrolization speed, and not affect
phase transition.

Gel permeation chromatography. Figure 5B shows GPC
traces of the 3D printed scaffolds at the beginning of the
experiment (t0, black line) and the end of the experiment
(tend, pink line). From the graphs it can be observed that the
polymer degrades over time, as the retention graph at tend
is shifted to longer retention times, indicative for smaller
molecular weight.

Mechanical analysis. Diamond-shaped samples obtained
from the polymer stent prototype were loaded uniaxially in
the circumferential and longitudinal directions showing a
decay in the maximal applicable stress over time. After
10 days of enhanced in vitro degradation, mechanical prop-
erties dropped to half of the initial force (Fig. 5C). The
maximal strains dropped by 50% around 7 days of enhanced
degradation (Fig. 5D). The obtained maximal breaking
stresses and strains in the circumferential and longitudinal
direction are comparable.

Scanning electron microscopy. The appearance of the
surface of the 3D printed polymer stents was smooth before
starting the degradation study (Fig. 6A). Over time, the sur-
face roughness increased (Fig. 6B–F). Furthermore, the
samples became porous after 14 days of enhanced degrada-
tion (Fig. 6C–F).

Discussion

In this proof-of-concept study, the combination of com-
putational modeling and 3D printing technology was inves-
tigated to design large-diameter bioabsorbable polymer stents
that can be minimally invasively implanted, allowing growth
of the patient. The bottleneck of large-diameter bioabsorbable
polymer stent production is the lack of sufficient mechanical
properties.11 Conventional bioabsorbable polymers, such as
poly(lactide acid) PLA, require sophisticated material pro-
cessing to enable sufficient RF12 and are only applicable to
small diameters. Other large-diameter stents deal with
stent migration problems due to low RFs.13 In this study, we
showed that rapid prototyped polymer stents could reach
similar levels of RF compared to nitinol alternatives.

FDM printing technology is an evolving and promising
approach for polymer processing. It can be used for a broad
range of thermoplastic materials where other rapid proto-
typing methods, such as laser sintering or stereolithography,
offer fewer options due to their specific processing tech-
nique.14 One downside of this method is that the layered
nature of the processing technology is less accurate and might
present regions with lower mechanical performance com-
pared to the bulk material. However, 3D printing was con-
sidered to be an acceptable prototyping technique for the
initial phase of bioabsorbable stent design, providing a good
compromise between material properties and feasibility to
produce prototypes that can be subjected to further tests.

Stent design and host tissue

Since polymers in general have a lower Young’s modu-
lus than metals, geometrical compensation in terms of strut

FIG. 6. Surface analysis by SEM during enhanced degradation of polymer stents (bar represents 500 lm). (A) Before
degradation (smooth surface); (B, C) increase of surface roughness; (D–F) after 14 days, well-defined pores were distin-
guished. SEM, scanning electron microscopy.
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thickness and width is required, which could lead to steno-
sis.15 For pediatric applications, where a growing stent is
required, further adjustments on the prototype size and
thickness need to be performed, to adapt to the size of the
patient and the force requirements. The effect of decreasing
the strut thickness is depicted in Figure 4C. This technique
offers a good alternative to reduce the RF while maintaining
the amount of oversizing constant and providing a more
gradual force decay during stent deployment. An additional
benefit of a lower RF is that after crimping, less force would
be required to push the stent out of the delivery device
during implantation, by which valvular positioning can be
better controlled.

The nitinol stent used as reference for the design of the
polymer stent has been successfully used for DTEHV im-
plantation in adult ovine pulmonary arteries of 24–26 mm.4

In this diameter range, the corresponding computational RF
is 15–17 N (Fig. 4B). Oversizing of the nitinol stent with
respect to the artery is therefore 18.5–28.3%. The polymer
stent has shown an experimental diameter loss of 6% after
crimping and self-expansion (Fig. 3B). Aiming to have the
same degree of oversizing as the nitinol stent, the polymer
stent would be suitable for implantation diameters of 22.4–
24.43 mm. For this diameter range, the experimental force of
the polymer stents is 13.5–18.9 N, being comparable to the
nitinol alternative.

Material properties

In this proof-of-concept study, a commercially available
TPC was used to manufacture 3D printed stents. Apart from
proper mechanical characteristics and degradation capacity,
special attention has to be paid to the biocompatibility and
degradation products of the copolyester. Aromatic polyes-
ters, such as poly(butylene terephthalate) and poly(ethylene
terephthalate), which are largely used in the commercial in-
dustries16 and investigated for their biocompatibility,17,18

have excellent mechanical strength, but are more resistant to
hydrolytic degradation.19 Biocompatible aliphatic polyesters
such as PLA and poly(caprolactone)20 have good biode-
gradative properties in terms of hydrolysis, but lack proper
mechanical strength.21 Blending aromatic and aliphatic
building blocks seems feasible and might provide the ability
to tune mechanical properties and degradation.22 The TPC
choice for this proof-of-concept study was based on its in-
trinsic mechanical properties and its potential to undergo
hydrolytic degradation. Nevertheless, this material is not
biocompatible and therefore cannot be considered for trans-
lational studies.

Degradation

The speed at which hydrolysis of polyesters occurs in vivo
depends on multiple factors, such as monomer composition,
relative humidity, temperature, and bioactivity of present
enzymes.23 Besides hydrolytic degradation, oxidative and
enzymatic degradation also contributes to in vivo polymer
degradation.24 However, to what extent these pathways are
affecting the total degradation speed has to be further in-
vestigated. The TPC selected for this proof-of-concept study
has shown to be susceptible to hydrolysis, which in combi-
nation with 3D FDM printing can be an interesting method to
facilitate adaptation of the stent to growth of the patient. A

consequence inherent to the use of FDM, which involves
heating of the material to create small flattened strings en-
abling the deposition of molten layers, is the creation of a
clearly visible layered structure (Fig. 1C). This layered
profile can initiate predefined breaking points over time.
Within this study, we evidenced the presence of cracks lo-
cated at the layered interface as depicted in one of our SEM
images after 3 weeks of accelerated degradation (Fig. 7).
This finding suggests that even if the stent does not fully
degrade, a concept prototype that accommodates for growth
of the patient by enabling hydrolysis-induced breaking
points could be envisioned. These breaking points, com-
bined with the increasing fragility of the material, could
disrupt the stent pattern under physiological cyclic loading,
which could lead to an opened structure that does not
hamper growth of the artery.

Based on our previous in vivo experience,4 the stent and
the heart valve are fully integrated within the native wall
after 8–16 weeks of implantation. When the stent is incor-
porated by the host tissue, stent fragments that may arise
from the degradation process are prevented from entering
the blood stream. After tissue encapsulation, cell-mediated
degradation of polymer remnants proceeds to contribute
to the removal of polymeric residues. Macrophages could
phagocyte the remnants or form giant body cells to engulf
the remnants. On the contrary, granulocytes such as mast
cells, eosinophils, and basophils could secrete cytokines,
chemokines, and matrix metalloproteinases to enhance
polymer degradation.25,26

Quality of the 3D printing method

The low resolution of the manufacturing technique im-
poses certain limitations that can ultimately affect the per-
formance of the stent. For the scope of this study, the
performance of the stent is defined as its ability to success-
fully deliver a DTEHV in a minimally invasive manner for
preclinical evaluation. This means that the stent has to be able

FIG. 7. Surface analysis by SEM after 3 weeks of en-
hanced degradation (bar represents 500 lm). Crack located
at the layered interphase.
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to comply with transapical requirements (i.e., crimping di-
ameter of 12 mm, self-expansion diameter in agreement
with the size of the host tissue) and provide sufficient RF to
remain anchored (which was considered the force of the
nitinol stent used as reference). The combination of material
and 3D printing technique selected for this study limits the
capacity to perform accurate thickness changes. In addition,
reducing the number of struts below 21 causes disrupted
strut patterns when the prototype is printed. These impedi-
ments limit the capacity to adjust the crimpability and RF of
the prototype.

Once the most optimal design has been reached, the 3D
printed prototype differs from the theoretical design. The
combination of the selected material and 3D printing method
results in a relatively low resolution of the prototyped struts,
which deviates from the straight theoretical/computational
strut shape (Fig. 1C, red contour) defining a more curved and
nonuniform profile in practice. In addition, after deposition of
one layer, the molten material can be carried along with the
3D printing nozzle to the next strut, creating thin wires that
connect the struts (Fig. 1C, thin wires on black background).
The imperfections induced by the manufacturing method
have a negligible effect on the crush force of the stent
(Fig. 3B) and a more considerable effect on the RF of the
stent during the crimping phase. For crimping diameters
smaller than 20 mm (Fig. 3D), RF measurement curves show
that it requires a higher crimping force to reduce the diameter
of the stent in practice. The reason for this deviation is at-
tributed to the thin wires that connect the struts (Fig. 1C),
which represent a physical obstacle that offers some resis-
tance to crimping. Nevertheless, it is worth mentioning that
the crimping force does not define the performance of the
stent, which is characterized by the RF during self-expansion.
For diameters comparable to the implantation site, the theo-
retical and experimental self-expansion RF does not show
differences. Despite the fact that these discrepancies do not
introduce significant changes in the performance of the stent,
they introduce poor-quality features that should not be
present in further versions of the prototype.

Future directions

In the future, further effort will be dedicated to implement
or develop clinically suitable polymers that are biocompati-

ble and simultaneously comply with 3D printing require-
ments. An interesting material platform for 3D printing
applications can be built based on the use of supramolecular
polymers. By means of supramolecular chemistry, aromatic
and aliphatic components could be equipped with quadruple
hydrogen bonding moieties, creating building blocks that
enable independent tuning of mechanical properties and
degradation speed. An additional benefit of supramolecular
moieties is that only a small increase in temperature is needed
to overcome the bonds between building blocks, and material
characteristics are fully restored after cooling.27 These fea-
tures can ease rapid prototyping processing. For future
studies, biocompatible stents, 3D printed with copolymers
with similar mechanical properties as the TPC used in this
study but different degradation speeds, should be evaluated
in vivo in an animal model. Particular focus should be made
on biocompatible, bioabsorbable materials that degrade after
16 weeks of exposure to the host environment4 to make sure
that the prosthesis has been fully integrated within the host
tissue before the degradation process begins.

A future study with a newly synthesized material should be
conducted at 37�C to determine the effect of hydrolysis on
polymer degradation. However, in vivo polymer degradation
does not solely rely on hydrolysis. In addition, oxidative
degradation caused by cellular components and cyclic me-
chanical load would influence the degradation speed of the
stent. It is for this reason that for a better evaluation, addi-
tional oxidative processes should be incorporated in an ex-
perimental setup.28 However, despite how complete in vitro
degradation studies might be, in vivo situations could still
lead to different results.29

One possible way to reduce the presence of imperfections
in the strut profile could be to modify the composition of the
material reducing, for example, its viscosity. Nevertheless,
this can drastically modify the overall mechanical behavior
of the material and the stent design would have to be sub-
sequently adjusted. Mechanical grinding alternatives were
not pursued in this study since the imperfections are located
in different planes (tangent to the inner and outer surface,
and throughout the thickness at the strut edges) and due to
the potential introduction of external particles arising from
abrasive methods. Chemical etching seems to be one prac-
tical way to eliminate these imperfections without having a
deep influence on the performance of the designed stent. In

FIG. 8. Chemical etching: (A) Stress–strain curves of 3D printed dog bone samples treated with chloroform; (B) 3D
printed stent prototype after chloroform treatment; and (C) flattening of the strut profile and reduction of the thin wires that
connected the struts.
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the context of this proof-of-concept study, three dog bone
samples and one 3D printed stent were immersed in chlo-
roform for 60 s to reduce the presence of imperfections. To
assess the influence of chemical etching on the mechanical
properties of the material, stress–strain curves obtained
from 3D printed dog bone samples treated with chloroform
were obtained (Fig. 8A). A comparison with Figure 1A shows
that the mechanical properties of the 3D printed dog bone
samples were not affected by the exposure to chloroform.
Furthermore, the standard deviation has been reduced con-
siderably after the chemical treatment. With respect to the
shape of the struts, immersion in chloroform flattened the
curved and nonuniform strut profile and dissolved the thin
wires that connected the struts (Fig. 8B, C). Therefore, che-
mical post-treatment of 3D printed stents could be considered
an interesting possibility to improve the quality of the struts.

Conclusion

In order for DTEHVs to be minimally invasively im-
planted and have the capacity to grow with the patient, stents
with growth potential have to be developed. In this proof-of-
principle study, it was shown that computational-based 3D
printed self-expandable and biodegradable polymer stents,
with a reasonable degree of plastic deformation and RFs
comparable to nitinol stents, can be successfully designed. The
computational simulations have demonstrated the capacity to
build models with realistic outcomes, based on uniaxial ma-
terial characterization. In addition, the FDM 3D printing
technique is a promising manufacturing technique to translate
computational models into physical prototypes that can be
used to assess the mechanical performance of stent designs.
Furthermore, the copolyester materials used in this study have
shown to possess biodegradation potential via hydrolysis.
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