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Abstract—The desire to overcome the limitations of cardio-
vascular metal stents is driven by the global clinical need to
improve patient outcomes. The opportunity for fully poly-
meric stents made from materials like Poly-L-lactide Acid
(PLLA) is significant. Unfortunately, this potential has not
been fully realised due to pressing concerns regarding the
radial strength and recoil associated with material stiffness
and recoverability. In an effort to achieve effective and
reliable performance, it is conceivable that a certain degree of
shape memory effect (SME) could be beneficial in order to
improve on high recoil associated with fully polymeric stents.
In this paper, a computational model is presented to explore
this possibility, using a stent geometry based on that of a
commercially available polymeric stent (Abbott Absorb).
The model predicts improvements in the recoil behaviour if
the stent is subjected to temperature changes (introducing the
shape memory effect to the material) prior to implantation
compared to balloon inflation alone. The analysis indicates
that combination of self-expansion and balloon inflation is
capable of reducing stent recoil to a desirable level (5%).
Additionally, the analysis suggests that the recoil is not
strongly related to expansion rate variation. However, the
stent expansion rate is critically linked to the maximum
stresses in the material, with significantly higher stresses
found if the stent was deployed with a higher rate, leading to
a significantly higher material failure risk. It is concluded that
the model provides new insights that can guide the develop-
ment of fully polymeric stents towards optimised clinical
performance with the potential to improve patient outcomes.

Keywords—PLLA, Cardiovascular stent, Shape memory

effect, Finite element analysis.

INTRODUCTION

The clinical problems (i.e. restenosis and thrombo-
sis) associated with traditional stents are well docu-
mented.27,29 Numerous reports strongly indicate that
these post deployment issues are in part caused by the
material mismatch and permanent nature of metal
stents.11,26,32 The desire to improve patient outcomes
has encouraged the exploration of fully polymeric
stents because of their ability to disappear after
deployment.28 In particular, Poly-L-lactide Acid
(PLLA) as a stenting material has been evaluated with
a small number of commercial offerings on the mar-
ket.8,21,24

The potential paradigm shift to fully polymeric
stents is promising; however, the pace of clinical
adoption for those limited number of products com-
mercially available has proved slow. As described by
Bobel et al.,4,6 there is a lack of long term data in
relation to the reliable mechanical performance of fully
polymeric stents. More specifically, there are major
concerns in regards to their reliability from a stiffness
standpoint and stent recoil that may influence load
carry capacity and associated risk.4,19,20

A study reported by Bobel et al. presents analysis of
the radial compressibility of a PLLA stent without the
specific consideration of shape memory effect (SME).
Interestingly, it was demonstrated that the fully poly-
meric PLLA stent could only provide satisfactory ra-
dial support if the elastic modulus is improved
significantly, relative to ‘‘standard’’ values, by polymer
composition variations or alternative manufacturing
techniques.4

To further support this line of thought, a large
amount of polymeric biodegradable stent patents have
been granted by industry leaders, in particular Abbott
Vascular. A patent entitled ‘‘Manufacturing process
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for polymeric stents’’17 by Abbott, published in 2015,
details (claims) the manufacturing process of a fully
polymeric stent comprised of the following steps:

(i) Forming a polymeric tube with a diameter less
than the target diameter.

(ii) Radially deforming the tube to the target
diameter at a temperature above glass transi-
tion temperature Tg, and finally cutting the
stent pattern into the deformed tube.17

The crimping method for these stents is described in
complimentary patents by Abbott Vascular.16,22 More
specifically, under temperatures of between Tg and 15
degrees below Tg, the scaffold is crimped on to a
balloon. It is stated that semi-crystalline polymers,
such as PLLA, can improve on their retention force by
controlling the temperature in relation to Tg.16 If a
PLLA stent is crimped at room temperature, the free
movement of polymer chains cannot occur. Therefore,
it can be challenging to crimp a stent with a large
diameter to a designated smaller diameter. On the one
hand, the stent can be crimped with a higher force,
which can likely lead to fracture/damage within the
material. Alternatively, a slower crimping rate can re-
duce the fracture/damage risk, but cannot ensure no
damage. However, developing the crimping process to
include a temperature increase can help to deform the
stent to a reduced diameter without causing negative
effects to the mechanical properties of the polymer.
Summarising the above, controlled temperature in-
crease can positively influence the crimping process.
Another crucial parameter for fully polymeric stents
development is the deformation rate, which can have a
critical impact on the material fracture during defor-
mation.

In another patented issued by Abbott, it is stated
that without further processing, polymers such as
PLLA do not have the adequate strength and fracture
toughness for reliable and fit for purpose perfor-
mance.5,12,13 In practice, the concept of the SME in
fully polymeric stents was effectively introduced with
the very first CE approved biodegradable polymer
stent (PLLA, and deployed using a combination of
balloon and self-expansion) the ‘‘Igaki-Tamai’’ stent.25

The SME appears at 65 �C, the typical glass transition
temperature for PLLA. However, as this temperature
ranges well above the body temperature, it raised many
concerns regarding tissue trauma and damage. Since
the self-expanding SME approach presents an oppor-
tunity to improve on some of the main issues related to
fully polymeric biodegradable stents, primarily in
relation to stiffness and recoil, this phenomenon needs
to be further investigated. In particular, in order to
create a functional SME, that can be safely used

in vivo, the self-expanding component needs to be
introduced at body temperature.

The material of interest, PLLA, has a glass transi-
tion temperature Tg of 65 �C. Therefore the pressing
question is raised if shape memory can be introduced
at a lower temperature, close to body temperature. A
study by Lan et al.18 investigated this, focused on the
example of shape memory polymer composites and
their recovery at Tg, Tg + 10 �C, Tg – 10 �C and
Tg – 20 �C. The results of Lan et al.18 showed that the
strain recovery is superior at temperatures closest to
the glass transition temperature. However, there is still
visible shape memory recovery at temperatures
above/below Tg.

To investigate the implications of the findings of
Lan et al.18 for the stent application, i.e. assuming the
existence of shape memory recovery at temperatures
below Tg, a computational study is proposed herein
with the aim of implementing a representation of the
SME at body temperature. Specifically, a computa-
tional modelling framework is designed to implement a
representation of the SME at body temperature in
polymeric stents. Using this, a computational study is
undertaken that compares the SME with the more
commonly used balloon deployment method in rela-
tion to stent deployment behaviour and recoil perfor-
mance. Specifically, deployment techniques based on
balloon expansion, self-expansion and a combination
of these two methods, are analysed to assess possible
improvements in stent recoil and material fracture risk.

MATERIALS AND METHODS

Material Model

The Parallel Rheological Framework (PRF), de-
picted in Fig. 1 was utilised in this study, as available
in the Abaqus 6.14 commercial software Package (DS
SIMULIA, USA), as the material model. Features of
this model (Fig. 1) include the combination of elastic,
viscous and plastic elements, temperature dependency
and significantly, the model can be used with Abaqus/
Explicit, which enables flexible implementation for the
solution of highly non-linear, large deformation
problems such as stent expansion.

The basic structural assumption of the PRF-net-
work used in this study, is two network arms layout
(network arm #0 and #1, as per Fig. 1b), with an ad-
ded plastic element to the equilibrium network (net-
work # 0) as shown in Fig. 1b. Therefore (hyperelastic)
elastic, plastic and viscous elements needed to be de-
fined.

The PRF model offers a choice of Hyperelastic and
viscous elements. The elastic element representation in
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this study is specified as the Neo-Hookean hyperelastic
model, which is able to predict the nonlinear stress–
strain behaviour of materials undergoing large defor-
mation. The following strain energy density function
for this model is readily implemented in Abaqus:

UNH ¼ C10ð�I1 � 3Þ þ 1

D1
ðJel � 1Þ ð1Þ

where, Jel is the elastic volume ratio (Jacobian), is the
deviatoric counterpart of the invariant
�I1 ¼ J�2=3I1;C10 and D1 are shear and bulk material
property constants, respectively.

The viscoelastic element is defined by the Berg-
strom-Boyce creep strain rate model, which has been
reported previously as a reasonable representation for
PLLA biodegradable semi-crystalline thermoplastic
when used in a parallel network.10 This viscous model
is defined in Abaqus as follows

_�eer ¼ Aðker � 1þ EÞCð~qÞm ð2Þ

with

ker ¼
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi

1

3
I : Cer

r

ð3Þ

where _�eer is the equivalent creep strain rate, ~q the
deviatoric Kirchhoff stress, and A, m, E and C are
material parameters.

The plastic element is added to the network as
shown in Fig. 1b, which is assumed to represent a
permanent set in rubber-like materials. This behaviour
is captured by isotropic hardening von Mises plasticity
with an associated flow rule. In the context of finite
elastic strains associated with the underlying rubber-
like material, in Abaqus plasticity is modelled based in
multiplicative split of the deformation gradient F into
elastic Fel and plastic Fpl components

F ¼ Fel � Fpl ð4Þ

Based on this, the input parameters required are
listed in Table 1.

Computational Model and Simulations

The simulation sequence used in this work, de-
scribed below, was implemented into Abaqus/Explicit.
Abaqus/Explicit was used as it affords greater com-
putational robustness in achieving a successful solu-
tion, in comparison to Abaqus/Standard, in a case
such as this that involves large deformation, highly
non-linear material behaviour, temperature variation,
and changes in elastic and plastic material properties.
For the study reported here, initial work with Abaqus/
Standard resulted in numerical problems, due to diffi-
culties in achieving convergence for the implicit solu-
tion method.

A realistic stent geometry (as shown in Fig. 2)
capturing the Abbott Absorb stent design pattern, was
created in Abaqus.4 The stent strut thickness as well as
the stent diameter matched the patterns used by Bobel
et al.,4 with a strut thickness of 156 lm, strut width of
144 lm and a fully expanded diameter of 3.0 mm. The
finite element type used, to combine temperature as
well as displacement within an explicit simulation
process, was an 8-noded thermally coupled brick ele-
ment, with linear interpolation in each of the 3 direc-

FIGURE 1. (a) PRF network, (b) PRF network including
plastic element and one additional network arm.

TABLE 1. Overview of elements used in the PRF model.

Element type Material law Input parameters

Hyperelastic Neo Hookean C10, D1

Viscoelastic Bergstrom–Boyce A, m, C, E

Plastic Isotropic hardening ryield, eplastic

FIGURE 2. Abbott Absorb stent geometry in Abaqus.

A. C. BOBEL AND P. E. MCHUGH62



tions in 3D and temperature variation and with re-
duced integration. The time scaling factor has been set
to 1 with a target time increment of 1 9 10�4. A rep-
resentation of the shape memory effect was introduced
based on a stress free initial expanded stent geometry.
The stent was fixed in all directions, other than cir-
cumferential, using displacement based boundary
conditions. The initial temperature was set to 20 �C to
represent room temperature. Two cylindrical shapes
(as shown in Fig. 3) were added to the simulation:
Cylinder 1 representing a stent crimping tool with a
slightly larger initial diameter than the stent; Cylinder
2 representing the balloon the stent is crimped onto, to
be used to expand the stent during balloon deploy-
ment. Both cylinders were created using a rigid cylin-
der, a simplification to a real geometry balloon,
evaluated and justified previously by Grogan et al.15

The finite element mesh used for the stent model itself
was that used in previous published studies, in partic-
ular Bobel et al.4 and for those studies the mesh suit-
ability for stent deployment simulation was

established, including the use of stent mesh densities
previously reported.7,15

In the first step of the simulation, temperature was
applied to increase the initial temperature from 20 to
39 �C (see Fig. 4). The next step, called crimp-cool,
employed the crimping using Cylinder 1 of the stent
onto the balloon (Cylinder 2); in the very last instant of
the crimping process, the stent was cooled down to
15 �C. The reheat-recovery step increased the temper-
ature back to 39 �C, at the same time Cylinder 1 dis-
placed outwards to allow the stent to freely recover.
The balloon was expanded when the stent reached the
state of maximum free recovery, so that the stent ex-
panded even further to a pre-set diameter. Finally, the
balloon was contracted (deflated) during the recoil step
to allow the stent to freely recoil. The timeline of this
process that represented the inclusion of the shape
memory effect, referred to here as the ‘‘shape memory
cycle’’, and the corresponding temperature history, is
summarised in Fig. 4.

Recoil Assessment

A primary focus of this computational study is the
recoil behaviour of the fully polymeric stent. Pure
PLLA material properties, especially the elastic mod-
ulus, may be too low to withstand the forces experi-
enced during stent deployment. For this reason, a
computational study was performed using direct-ex-
perimentally calibrated values, vs. enhanced values, as
detailed below:

Recoil is defined using the following equation15

Recoil ð% ) =
D1 �D2

D1
� 100 ð5Þ

where D1 is the external diameter at maximum
expansion and D2 the external diameter following
balloon deflation.FIGURE 3. Computational stent model set-up, consisting of

Cylinder 1, Cylinder 2 and stent.

FIGURE 4. Timeline of the shape memory cycle and associated balloon deployment with step times on the black axis and
temperatures on the orange axis.
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Deployment and Recoil

Three different types of recoil behaviour are com-
pared in this study, related to three different deploy-
ment methods:

I. Self-expansion deployment—the use of the
SME for stent deployment through free recov-
ery self-expansion.

II. Combined deployment—stent deployment as
in I, but with additional balloon expansion.

III. Balloon-expansion deployment—the stent is
deployed through balloon expansion only.

Material Fracture Strength

Sufficient material fracture strength is essential for
safe stent deployment. Hence the maximum stresses
during stent deployment were compared, typically at
the point of full expansion. A reference value for
PLLA was taken in order to determine the material
failure risk. The different deployment methods and
expansion rates were compared in terms of the material
fracture risk.

Expansion Rate Dependency

The variation of the stent expansion rate was anal-
ysed by the adjustment of the time frame of the balloon
expansion. The stent expansion rate is defined as the
radial displacement of the stent per unit of time. The
rates chosen for this study ranged from 2.5 to 30 mm/
min and are reflective of the real stent deployment
indications [1]. The recoil behaviour and fracture risk
were compared as a function of expansion rate. Ta-
ble 2 highlights the actual deployment duration for
different expansion rates, where the expansion rate is
shown with the associated deployment duration time,
which consists of self-expansion time (free recovery)
plus balloon deployment time.

RESULTS

Material Model Calibration and Parameter Fitting

The material model calibration was based on an
experimental study previously reported by Bobel et al.6

The material model was calibrated based on the
experimental tensile results for PLLA at room and
body temperature as well as different displacement
rates. Furthermore, recovery of the material was con-
sidered for implementation into the material model.

Initial Model Behaviour

As the material model is complex, in particular for
the viscous element, an initial study was undertaken to
gain a better understanding of the viscous element
behaviour. A Mathematica (Wolfram, USA) routine
was developed to illustrate the effects of varying the
input parameters in the viscous element, and this initial
study was performed before the main model calibra-
tion to understand the significance of the viscous
material parameters. The numerical analysis was per-
formed based on a 1D case study. A first set of con-
stants was used for this routine (see Table 3), and one
constant was varied each time within a range found in
literature,3,9 at (a) constant strain (generating a 2D
plot) (b) increasing strain using three different dis-
placement rates (generating a 3D plot). The Berg-
strom-Boyce creep strain rate definition, shown in
Eqs. (2) and (3) was used for the initial study.

Assuming ker�1 ¼ e

Equation (2) leads to following

_�eer ¼ Aðeþ EÞCð~qÞm ð6Þ

Solving for the stress, the following equation is
obtained and was implemented in Mathematica

~q ¼
_�eer

Aðeþ EÞC

" #1
m

ð7Þ

Figure 5 shows a stress–strain relationship using the
input data in Table 3 and three different displacement
rates. The specific ranges have been evaluated by (i)
experience using this model, (ii) parameter recom-
mendations found in publications.3 An overview is
given in Table 4, linking the strain rates to the dis-
placement rates, referred to in this study. The maxi-
mum strain was selected to be 0.5 (representative of
strain ranges experienced locally in the current appli-
cation), and stress was subsequently calculated as a
function of strain. A nearly linear relationship of

TABLE 2. Deployment times.

Expansion

rate (mm/min)

Deployment duration (s)

(self-expansion + balloon)

2.5 6 + 18

7.5 6 + 6

10 6 + 4.5

20 6 + 2.25

30 6 + 1.5

TABLE 3. Initial input constants for the Bergstrom–Boyce
model.

A (s�1) m C (MPa�1) E

2.0 9 10�7 2.0 � 1.0 0.3
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streoss and strain could be observed with the selected
input parameters.

In Fig. 6 the same input data was used, and addi-
tionally includes a variation of A in the range
0 £ A £ 1. The Mathematica output Fig. 6a shows the
stress vs. A at different displacement rates, and an
exponential decrease in stress with an increasing value
of A was observed. Plot b in Fig. 6 presents a 3D
visualisation of stress and strain vs. A. A significant
stress decrease was found with an increasing value of
A, where the main dependence was observed within a
smaller value range of A (0 £ A £ 0.3). Approaching
the upper limit of A (0.4 £ A £ 1), only a minor de-
crease on the stress levels was observed. With regard to
the rate dependency, a shift in the positive direction for
stress was found with increasing displacement rates.

A similar plot is shown in Fig. 7, once again using
the input data from Table 3, but where the parameter
E was varied in the following range: 0 £ E £ 1. Sum-
marising, an increase in E was found to cause a nearly
linear increase in stress (Fig. 7a). The rate dependency
can be described in a similar way to above: a positive
curve shift with increasing strain rates. In Fig. 7b the
stress–strain relationship is shown as a function of the
parameter E, and the main stress increase is visible at
relatively low strains up to 0.2.

Figure 8 shows the effects of the variation of the
constant C, which is defined between �1 £ C £ 0. C is
recommended to be kept ~ �13 in order to reproduce

the exact inverse function of A(ker – 1 + E), however,
the effects of the variation of C in above range was
analysed here. Overall C was found to have relatively
little impact on the overall stress output (Fig. 8a); an
increase in stress with an increasing value of C was
observed to follow a linear trend, but with a very low
slope. However, the displacement rate dependency was
found to be significant with an increase in stress with
increasing displacement rates. Again the stress–strain
behaviour, shown in the 3D plot in Fig. 8b, follows a
consistent pattern as a function of C.

Lastly, the variation in the constant m was analysed
within a range of 0<m £ 5, with all other parameters
held constant according to Table 3. Figures 9a and 9b
show a major effect on the stress output in a value
range up to ~ 3. For values m> 3 little to no effect was
observed. This constant was also found to strongly
influence the rate dependency in the same range (up to
~3), but beyond this the material was essentially rate
independent.

The above Mathematica viscous element input
parameter analysis provides a clear understanding of
the importance of each of the material parameters, and
their range of influence, for use in the Bergstrom-Boyce
model as part of the PRF. The complexity of the highly
non-linear PRF model and its individual elements
requires a clear understanding of the behaviour of each
element in order to fit the experimental data in a
practical and sensible way. The information generated
above enabled a fit of experimental data to be per-
formed very efficiently in relation to the Bergstrom-
Boyce element. More specifically, the parameters with
a rather non-linear dependence behaviour (such as A
and m), could be defined within a more sensible range.
A number of iterative steps, following this initial fitting
exercise, was performed in order to sensibly adjust
these non-linear dependence values based on the
determined range.

Material Model Fitting

The material model fitting was performed based on
the experimental data presented in Bobel et al.6 In this
study, thin film samples (thickness of 200 lm) were
produced from PLLA (Purasorb PL 65) using the
solvent casting technique. The testing specimens had a
gauge length of 10 mm and a width of 4 mm. A uni-
axial tensile test was performed that focused on
material recovery, relaxation and strain-rate depen-
dency. Two fitting exercises were performed: experi-
mental data fitted at room temperature for different
displacement rates (Fig. 10), and data fitted for the
material recovery at room temperature and body
temperature for a constant displacement rate (Fig. 11).
The resulting version of the PRF model was able to

FIGURE 5. Stress-strain curves using input parameters in
Table 3, for three different displacement rates.

TABLE 4. Displacement rates and corresponding strain
rates for the presented Mathematica study.

Displacement rate (mm/min) Strain rate (s�1)

5 @ 7.58 9 10�4

2.5 @ 3.79 9 10�4

1 @ 1.52 9 10�4
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capture the material behaviour up to 50% deforma-
tion, as well as the recovery.

As mentioned, the material properties for PLLA can
vary depending on manufacturing technique, material
composition and testing set-up. For this reason, a
modified material fit at body temperature was imple-
mented, as shown in Fig. 12, where the initial elastic
stiffness was increased. The experimental fit at room
was left unchanged as the material stiffness is sufficient
at that temperature, and in particular the deployment
process (as per the three methods previously described
is performed at constant body temperature of 39 �C
(Heat-Recovery and Recoil Steps in Fig. 4), meaning
the material behaviour at body temperature is of pri-

mary importance. The modified material fit is based on
material properties found in literature.14,30,31,33 More
specifically, the initial elastic response, which was
found to have a major effect in the polymer stent
performance pre-degradation,4 was stiffened by the
increase in the initial elastic modulus at body temper-
ature, from the experimentally determined value of
0.272 GPa,6 to a value of 0.655 GPa. The modified
value agrees with alternative experimental data found
in literature for PLLA, such as Weir et al.30 As already
presented in a publication by Bobel et al.,6 the elastic
modulus can strongly depend on the material pro-
cessing method. As already indicated, the initial elastic
response defines the material stiffness, and as a result

FIGURE 6. Variation of A vs. stress (a) and variation of A vs. stress and strain (b) for three different displacement rates.

FIGURE 7. Variation of ‘E’ vs. stress (a) and variation of ‘E’ vs. stress and strain (b) for three different displacement rates.
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FIGURE 8. Variation of C vs. stress (a) and variation of C vs. stress and strain (b) for three different displacement rates.

FIGURE 9. Variation of ‘m’ vs. stress (a) and variation of ‘m’ vs. stress and strain (b) for three different displacement rates.
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the unloading slope and elastic recovery behaviour are
improved, with positive implications for stent recoil.

Table 5 Input material parameters with temperature
dependency. Below shows the fitted parameters used
for the simulations (with reference to Figs. 11 and 12).
Parameter set 1 was fitted to the initial experimental
data, and set 2 improves the material stiffness based on
comparisons to other published experimental
data.14,30,31,33 A parameter variation study was per-
formed to generate the set of material model input
parameters. Similar to the study reported by Bobel
et al.,4, the modified parameter set was systematically
iterated until a reasonable correlation with experi-
mental data published in literature was found to ensure
sufficient stiffness of the polymeric stent.

Deployment Method

The recoil behaviour is an essential characteristic for
reliable and safe stent deployment, and in general little
or no recoil is desirable. The recoil characteristics
strongly depend on the material choice and the related
material properties. In this study, the stent alone was
examined by focussing on the performance of the
polymer material without the inclusion of in vivo
conditions such as artery, pulsatile forces or flow.

Figure 13 shows the first result: a comparison of
recoil behaviour for the different deployment methods,

using the modified material parameter set. The differ-
ence in recoil for each deployment method is clearly
visible: The combined deployment offers the least re-
coil with 5%, followed by the balloon expansion with
20% and the self-expansion with 34%.

Figure 14 provides a comparative analysis of the
expansion rate dependency for all three methods, using
the modified material parameter set. It is observed that
the recoil is not strongly dependent on the rate of stent
deployment, for two of the deployment methods. The
trend line for self and combined recoil show negligible
expansion rate dependency, whereas the balloon recoil
shows increasing recoil with an increase in expansion
rate (recoil between 16 and 67%). Figure 15 shows the
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FIGURE 12. Modified fit at RT and BT and constant dis-
placement rate of 2.5 mm/min.

TABLE 5. Input material parameters with temperature dependency.

Viscous material constantsBergstrom–Boyce model

Hyperelastic constantsNeo-Hoo-

kean model

A (s�1) m C (MPa�1) E D1 [MPa�1] C10 (MPa)

1

RT experimental 4.4 9 10�3 0.6 � 1 0.3 1000 3.8 9 10�5

BT experimental 4.4 9 10�2 0.6 � 1 0.3 100 3.8 9 10�5

2

BT modified fit 4.4 9 10�2 0.6 � 1 0.3 800 3.8 9 10�5
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FIGURE 13. Stent Recoil calculated for different deployment
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comparison of % recoil for the experimental vs.
modified material parameter fits. A major improve-
ment in recoil is visible for the combined deployment

method, and a slightly lower improvement for the
balloon deployment. However, the opposite charac-
teristics are observed for the self-expansion; the
material property modification significantly increases
the % recoil.

Material Fracture Strength

Material fracture during deployment is a well-
known performance related issue for fully polymeric
stents.23 The stress (maximum von Mises stress) within
the material at maximum stent expansion is shown in
Fig. 16 as a function of expansion rate. The red line
shows the maximum allowed stress before fracture for
PLLA.2 It can be observed that the stress increases
significantly with increasing expansion rate. The bal-
loon expanded stent as well as the combined expanded
stent show a similar increase in stress. However, at a
displacement rate above 15 mm/min, the combined
deployment method induces a significant increase in
stress compared to the balloon expansion. All results
under the red line can be considered in the safe
deployment zone. The results for the self-expanded
stent were not added into Fig. 16 as the maximum
stress was found to be rate independent. The reason
being that the free expansion of the stent, is purely
guided by the ability of the material to recover, not
driven by an external force. The stress distribution
throughout the stent is also shown in Fig. 17 in more
detail.
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FIGURE 17. Von Mises stress contribution throughout the stent geometry at 2.5 mm/min expansion rate, a max. Von Mises stress
for a combined deployment, b max. Von Mises stress for balloon deployment.
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DISCUSSION

In this study a computational model was developed
to predict the material behaviour of PLLA, as well as
to evaluate the effect of SME in fully polymeric stents.
Since the radial strength, recoil and material fracture
of fully polymeric stents still present concerns among
the cardiovascular experts,23,29 a computational
framework can be beneficial to evaluate the deploy-
ment process and eliminate related risks.

The experimental data gathered in [6] was used to
calibrate the PRF network model. To capture different
scenarios of stent expansion and temperature varia-
tion, the model was calibrated to the experimental data
over a range of displacement rates and temperatures.
Since the experimental data used to fit the material
model relied on pure PLLA, prepared and tested in one
specific way,34 a second set of input parameters was
created in order to capture a larger range of material
stiffness.

Findings previously reported by Bobel et al.4 poin-
ted towards the need for an improvement in material
stiffness. Stents were characterised and bench tested in
terms of their polymeric material properties and suit-
ability for coronary stent application. Developing on
this previous study, the computational analysis pre-
sented in this paper looked at the deployment method
and recoil.

The recoil for three different options of stent
deployment was analysed in Fig. 13. This study high-
lights the effect of temperature and related shape
memory characteristics, and in particular those found
at close to body temperature. The results indicate that
the degree of shape memory found at body tempera-
ture has the potential to improve on material recoil. As
a consequence of this, the assumption that some degree
of SME is included in the functionality of commer-
cially available polymer stents is supported. The recoil
found at a constant expansion rate (2.5 mm/min) with
combined, balloon and self-deployment, of respectively
5–20–34%, indicates the strong improvement of recoil
with a combination of SME and balloon expansion
compared to balloon expansion or self-deployment. In
conclusion, the combined deployment technique
showed an improvement in recoil of 15% compared to
balloon expansion, and 29% compared with self-ex-
pansion.

It is clear that the choice of deployment technique
has a major impact of the stent recoil performance,
given that an improvement of 29% was found among
the tested deployment options (combined vs. self-de-
ployment). As part of this, the results indicate that
pure self-expansion is not satisfactory for polymer
stents, and that the most effective aspect of deployment
is the combination of self and balloon expansion. Since

shape memory at lower temperature happens very
slowly18 the balloon can help to speed up this process
so that equilibrium between recoil and outward
memory force is accomplished. This method clearly
improves the recoil compared to commonly used bal-
loon expansion.

It was also shown that the rate of expansion does
not have a major impact on the recoil behaviour of
combined and self-expanding stent deployment (see
Fig. 14). However, it was noted that the recoil after
balloon deployment increased at higher expansion
rates. In this case this can be understood since slow
deformation enhances the plastic flow and therefore
enhances the recoil behaviour, relative to the beha-
viour at higher rates. Since the recommendation for the
deployment of polymer stents1 advises a slow and
steady stent expansion, the expansion rate is clearly of
importance for polymer stent deployment. Related to
this, the stress level at full expansion, as a function of
the expansion rate (see Fig. 16) was analysed. A sig-
nificant increase in stresses (from 60 to 300 MPa) was
observed at expansion rates over 20 mm/min using the
combined deployment technique. The recommended
fracture strength for PLLA was defined as 70 MPa,2

meaning only stent expansion rates <20 mm/min can
guarantee a safe deployment using the combination of
self and balloon deployment. However, the maximum
stresses found for balloon deployment did not reach
the material fracture strength for the tested expansion
rates. For the combined deployment, the self-expan-
sion component invokes the ability of the stent to self-
recover from an initially pre-expanded state, and this
pre-deformation can increase the stresses within the
material immensely, leading to a material fracture risk.
The stress levels in the material are of relevance as it is
known that cracks in the polymer can occur during
deployment.16,23

Figure 15 compares the recoil behaviour for the
modified material parameter fit with original experi-
mental parameter fit. With the parameter modification
an improvement of recoil by 20% was gained for the
combined deployment, and an improvement of 24%
for the balloon expansion. However, the self-expansion
showed the opposite pattern, with the recoil increasing
by 28%. The increase in material stiffness for the
modified material properties leads to the enhanced
ability of the material to recover even larger strains.
Since the self-expansion of a stent is based on the
ability of the material to freely recover strains, a stiffer
elastic response can cause increase in recoil behaviour.

Overall, as is clear from Fig. 15, the combined
deployment technique showed the best relative
improvement in recoil with the use of the modified
material parameters.
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Overall, due to the viscoelastic nature of PLLA, a
slow deployment accomplishes a smoother material
deformation and greater plastic flow. From an exper-
imental perspective, this was also concluded based on a
PLLA deformation study.6 To summarise, as sup-
ported by the computational results generated here, it
is highly recommended to expand the stent with a low
rate to improve recoil behaviour and to avoid material
failure risk.

LIMITATIONS

The computational modelling framework used in
this work gives a very useful indication and
understanding of the effects of the deployment tech-
nique and deployment rate for fully polymeric stents.
The parallel rheological framework (PRF) model used
was able to include viscoelasticity, as well as plasticity;
however, only the elastic and plastic elements could be
altered as a function of temperature. To include full
variation of all parameters, a more complex user de-
fined subroutine would need to be developed and
implemented. Using this, a more comprehensive study
of the effects of temperature change on the stent be-
haviour and mechanical performance could be
undertaken.

The simulations presented here have focused on the
mechanical performance of the stent itself. An
advancement on this approach would be to add the
representation of the artery and diseased tissue (pla-
que) to the model to improve the representation of the
in vivo mechanical environment experienced by the
stent.

Finally, in relation to polymeric materials, the pre-
sent study has focused on PLLA, however there is
significant scope to consider alternative polymers and
co-polymers.

CONCLUSION

This study has considered the development and use
of a computational model to assess the effects of the
deployment procedure on the recoil and material
fracture risk for fully polymeric stents. In particular,
deployment through self-expansion (using the SME),
balloon expansion and a combination of the two were
considered. In relation to stent recoil, the results have
indicated that the combined deployment method gen-
erates the best results, and that material fracture risk is
minimised by utilising a slow stent deployment rate.

While polymer stent design is a complex process, it
is anticipated that the computational modelling
framework presented here and results generated,

should be of significant practical use to stent designers
in developing the next generation of stenting technol-
ogy.
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