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Abstract

Intracoronary stent implantation is a mechanical procedure, the success of which
depends to a large degree on the mechanical properties of each vessel component
involved and the pressure applied to the balloon. Little is know about the influence of
plaque composition on arterial overstretching and the subsequent injury to the vessel
wall following stenting. An idealised finite element model was developed to
investigate the influence of both plaque type (hypercellular, hypocellular and
calcified) and stent inflation pressures (9, 12 and 15 atm) on vessel and plaque
stresses during the implantation of a balloon expandable coronary stent into an
idealised stenosed artery. The plaque type was found to have a significant influence
on the stresses induced within the artery during stenting. Higher stresses were
predicted in the artery wall for cellular plaques, while the stiffer calcified plaque
appeared to play a protective role by reducing the levels of stress within the arterial
tissue for a given inflation pressure. Higher pressures can be applied to calcified
plaques with a lower risk of arterial vascular injury which may reduce the stimulus for
in-stent restenosis. Results also suggest that the risk of plaque rupture, and any
subsequent thrombosis due to platelet deposition at the fissure, is greater for calcified

plaques with low fracture stresses.



Introduction

Atherosclerosis is one of the most serious and common forms of cardiovascular
disease. An atherosclerotic plaque is an intimal lesion that typically consists of an
accumulation of cells, lipids, calcium, collagen and inflammatory infiltrates [1]. These
plaques can cause artery occlusion leading to a reduction in blood flow. Several
procedures are available to revascularise an occluded artery, including balloon
angioplasty and stenting, bypass surgery and atherectomy. In cases of coronary artery
occlusion, most percutaneous revascularization procedures involve coronary stent
implantation [2]. Placement of a coronary stent typically involves predilation of the
atherosclerotic lesion with an angioplasty balloon and permanent deformation of the
stent using balloon expansion, such that the stent remains expanded inside the vessel
as a scaffold, to maintain patency. Overstretching of the artery during stenting can
cause vascular injury, which is related to the degree of subsequent neointimal

hyperplasia and restenosis [3].

Angioplasty and stenting are mechanical procedures, hence their outcome depends on
the pressure applied by the cardiologist to the balloon, as well as the geometry (e.g. of
the artery, plaque, stent and balloon) and the mechanical properties of each vessel
component [2]. Balloon expansion pressures provided by manufacturers for their stent
designs are typically less than 12 atm, however, clinicians frequently pressurise stents
over a broad pressure range (10-17atm) [4,5]. The expansion pressure is generally
chosen based on clinical experience, the lesion type and observed vessel dilation

under fluoroscopy.



It is also known that the composition and mechanical properties of plaques vary
considerably as atherosclerosis progresses and that these properties can be determined
using imaging techniques [6,7]. Plaques classified histologically as either cellular,
hypocellular or calcified have been shown to have statistically different radial
compressive stiffness [8] while non-significant differences have been reported in the
tensile stiffness of histologically different groups of plaques [9]. While this latter study
reported that hypocellular plaques were on average about twice as stiff as cellular
plaques at physiological ranges of tensile stress, the large variability in tensile
properties within the groups made the differences not statistically significant. The
results of these and other studies [10] suggest that different plaques may respond
differently to the same stenting procedure. Furthermore, they infer that the level of
vascular injury during stenting may be dependent upon the plaque properties,
implying that the long-term outcome of stenting is lesion dependant. Quantifying the
injury or loading within different plaques under various different inflation pressures
during stenting is therefore necessary to optimise both stenting procedures and the

design of stents.

The finite element method is an established technique for investigating implant-vessel
interactions during and following stent placement and has been used extensively in
recent years to analyse different stent designs [11-14]. Finite element models of
complex atheroclerotic plaques have been developed, initially in two-dimensions
and/or without a stent present [15-17], and more recently in three-dimensions to
investigate stent-artery interactions [11]. Little is known about the influence of
changing plaque compositions during disease development on the load induced injury

within a stented vessel. The objective of this study is to determine the influence of



both plaque properties and balloon inflation pressures on vessel and plaque stresses
due to the implantation of a balloon expandable coronary stent using the finite
element method. We hypothesise that as a plaque develops and its mechanical
properties change, the stresses developed within both the artery and plaque due to a
stenting procedure will depend on the plaque composition. If this is indeed the case, it
will provide compelling evidence for the development of lesion-specific stents to

minimise injury to the vessel wall.

2. Materials and methods

A comparative three-dimensional numerical simulation of an idealised stent-plaque-
artery interaction was developed to predict stress conditions within arterial tissue
during stent deployment for various plaque compositions and stent deployment
pressures. Three models were developed, each representing a plaque of different
material composition, i.e. cellular, hypocellular or calcified. The models were built
and meshed using the ANSYS 10.0 pre-processor (Ansys Inc., Pittsburgh, PA, USA)
and solved using the explicit dynamics finite element code LS-DYNA 970 (LSTC,
Livermore, CA, USA). The stent design used in the simulations was based on the 3.5
mm Driver stent (Medtronic, Minnesota, USA). The Driver stent has 10 crowns and 5
weld points in the circumference of each modular unit. The welds are offset by half a
crown in subsequent modular units along the length of the stent. The geometry of the
stent for the analyses was obtained from geometrical measurements of the

commercially available stent design.



2.1 Model geometry and mesh

Taking advantage of symmetry conditions, it was possible to utilize a one-eighth
model of the problem (see Fig. 1). The artery was described as a semi-cylinder, 1 Imm
in length, with a 4 mm outer diameter and a wall thickness of 0.5 mm. The plaque
covered a length of 7 mm and had a maximum wall thickness of 0.3 mm,
corresponding to a maximum stenosis of 36% (The % stenosis is given by the
percentage of the host vessel that is occluded by the area of the stenosis). Common
nodes formed the boundary between the artery and plaque. The Driver stent geometry
was described by 8 segments (see Fig. 1), joined at periodic locations by a common
node to represent the weld points. Each of the segments was 1 mm in length, with a
diameter of 0.09 mm [18]. Thus, the stent is Imm longer than the stenosis with an
overlap of 0.5 mm between the stent and the plaque on each side of the stenosis. The
outer diameter of the stent in its initial unloaded crimped condition was 1 mm. The
geometry of the stent was discretised into 8,640 elements, while the artery and plaque
geometries consisted of 19,800 and 14,000 elements, respectively. The mesh
resolution was determined on the basis of a mesh density study. The artery mesh
density was chosen to ensure minimum penetration during contact. All elements in the
simulation were fully-integrated 8-node hexahedra, thus avoiding possible

hourglassing effects.

2.2 Material properties

The arterial tissue and three types of plaque material (cellular, hypocellular and
calcified) were defined by a Mooney—Rivlin hyperelastic constitutive equation. This
has been found to adequately describe the non-linear stress-strain relationship of

clastic arterial tissue [19].



The general polynomial form of the strain energy function in terms of the strain

invariants, given by [20] for an isotropic hyperelastic material is:

Wl 0nt)= Y, (1 =37 (L, =3 (1,-3) (1)

p.q.r=0
Cooo = 0.
where W is the strain-energy function of the hyperelastic material, /;, I, and /; are the
strain invariants and C,,, are the hyperelastic constants. If the principal stretches of
the material are denoted 4,, 4, and 43, then the strain invariants for the material may be

defined as:
L=+ + A4 (2a)
I, = Afﬂé + Afﬂ? + ﬂéxﬁ (2b)

I = KA (20)

Arterial tissue was assumed to be incompressible based on the results of previous
studies [21,22]. For an incompressible material, the third invariant is given as I3=1.
The specific hyperelastic-constitutive model used to model the arterial tissue in this
study is a specific form of Eq. (1) whereby the strain-energy function is a third-order
hyperelastic model suitable for an incompressible isotropic material and has the form

given in Eq. (3).
W= CIO(II _3)+C01(12 _3)+C20(11 _3)2 +C11(11 _3)(12 _3)+C30(11 _3)3 (3)

Using Eq (3) the stress components can be obtained by differentiating the strain-

energy function, W, with respect to the corresponding strain components [23].



The arterial tissue material model used in these analyses was determined by fitting to
data from uniaxial and equibiaxial tensile tests of porcine coronary arterial tissue.
More details on the determination of the experimental data and this hyperelastic-

material model are given in [24-26].

The coefficients of the hyperelastic constitutive model used to represent the three
plaque tissues in the vessel with a localized stenotic lesion were determined by fitting
to a centrally lying tensile test curve for each human plaque type reported by Loree et
al [9]. Table 1 summarizes the coefficients used for the hyperelastic constitutive
equations to define the material models used whilst the stress-strain behaviour

represented by each of these sets of constants is illustrated in Figure 2.

A bi-linear elasto-plastic material model was used to model the behaviour of Cobalt
alloy MP35N from which the Driver stent is made. This material model accounts for
the permanent stent deformation following expansion. Material constants for this

material are given in Table 2.

2.3 Boundary conditions

Symmetry conditions were applied on the planes of symmetry of the stent, artery and
plaques of the model. The vessel wall was fully constrained in the axial direction at
both the distal and proximal ends. In addition, non-reflective boundary conditions
were applied at the ends of the vessel wall in order to simulate a semi-infinite vessel

and prevent oscillations reflected from the axial constraints from affecting the results.



No pretensioning was applied to the vascular wall. No additional constraints were

imposed on the stent.

The expansion of the stent inside the artery was initiated by applying a uniformly
distributed, linearly increasing pressure loading from 0 atm to either 9, 12 or 15 atm
directly on the inner surface of the stent (0.91 MPa, 1.22 MPa, 1.52 MPa). The rated

pressure of such stents is typically 16 atm.

A surface-to-surface penalty contact algorithm was applied between the stent and both
the vessel and plaque domains. A further contact condition was imposed between the
stent and itself, to account for strut contact during expansion. Frictionless contact was
assumed for all contact bodies. Nodal penetration was not found to be an issue for the

current mesh density and penalty stiffness coefficients.

2.4 Analysis of results

The percentage volume of either arterial tissue or plaque in different stress ranges for
the cellular, hypocellular and calcified models were compared at three pressures: 9
atm, 12 atm and 15 atm. To determine this, the average predicted von Mises stress for
each element in both the arterial and plaque tissues was computed. Results were
broken down into two sets of data, one set summarising stress conditions within the

arterial tissue, and the second set with data for the plaque tissue.

3. Results
From the models it is predicted that the increase in percentage volume of arterial

tissue in high stress ranges due to increasing stent inflation pressures depends on the



type of the underlying plaque (see Fig. 3). For example, at an inflation pressure of 9
atm, the percentage volume of arterial tissue in the 200-300 kPa stress range is 16.5%
for the hypercellular plaque, 9.1% for the hypocellular plaque and 6.4% for the
calcified plaque. At 12 atm, this increases to 21% for the hypercellular plaque,
reducing to 15.2% for the calcified plaque. At 15 atm, 20% of the arterial tissue is in
the 200-300 kPa stress range for the hypercellular plaque, with slightly higher
percentages for the hypocellular and the calcified plaque. Overall the highest stresses
within the arterial tissue are predicted with the least stiff hypercellular plaque
material. The stresses in the artery wall of a calcified plaque are predicted to remain
relatively low even at high inflation pressures. At 15 atm, 9.7% of the arterial tissue
volume is predicted to be stressed at magnitudes greater than 400 kPa for the
hypercellular plaque, 2.8% for the hypocellular plaque, while none of the arterial
tissue is predicted to be stressed above 400 kPa for the calcified plaque. In general,
the differences in arterial stresses for the three different plaque types are more

pronounced at higher pressures.

On average, the stresses in the plaque are notably higher than in the arterial wall for
the same stent expansion conditions (see Fig. 4). For example, at an inflation pressure
of 9 atm, the percentage volume of plaque in the lower 0-200 kPa stress ranges is
84.8% for the hypercellular plaque, reducing to 14.7% for the calcified plaque. At 12
atm, this decreases to 73.5% for the hypercellular plaque, reducing to 3.2% for the
calcified plaque. At 15 atm, it decreases again to 69.1% for the hypercellular plaque.
None of the hypocellular plaque or calcified plaque is predicted to be stressed in this
lower range at 15 atm. As opposed to predictions for the arterial tissue, the percentage

volume of the plaque in high stress ranges is generally predicted to be greater for



calcified plaques. At 15 atm, 4.4% of the plaque volume is predicted to be stressed at
magnitudes greater than 400 kPa for the hypercellular plaque, increasing to 36.6% for

the calcified plaque.

The predicted stress levels were used to estimate the minimum and maximum
percentage of plaque tissue that might rupture during stent deployment in the given
vessel as a function of both plaque type and stent deployment pressure (see Table 3).
Available fracture data [9] for the plaque types considered suggests that rupture may
occur over a large range of stress values. From this data, the critical stress range was
taken to be between 300 and 640 kPa for the hypercellular tissue and between 160 and
700 kPa for the calcified plaque tissue. Just one fracture value was available for the
hypocellular tissue, 550 kPa. Taking the lower rupture stress for calcified tissue of
160 kPa, it would appear that the risk of failure and/or embolisis is greatest for such

plaque types, see Table 3.

The distribution of Von Mises stress within the arterial tissue not only depends on the
magnitude of the inflation pressure, but also on the plaque composition (see Fig. 5).
At an inflation pressure of 9 atm, the regions of high stress within the arterial tissue
correspond to the pattern of the stent geometry for all three plaque types. For the
limits of the stress contour bands given in Fig. 5, a more diffuse stress pattern is
predicted at higher inflation pressures. By examining the cross-section of the vessel
wall, it can be seen that predicted magnitudes of Von Mises stress through the vessel

wall thickness increase with increasing stent inflation pressure.
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The radial displacement of the centre of the arterial wall during stent expansion is
predicted to depend on both the plaque type and inflation pressure (see Fig. 6). As
expected, arterial wall displacement increases with inflation pressure. The greatest
wall displacement is predicted with the hypercellular plaque at all inflation pressures.
The wall displacement at 15 atm for the calcified plaque is predicted to be similar to

that of the hypercellular plaque at 9 atm.

4. Discussion

Expanding a stent inside a vessel will subject the artery to high stresses that can injure
the tissue, potentially leading to further smooth muscle cell proliferation, neointimal
hyperplasia and hence in-stent restenosis. The level of stent-induced injury to the
arterial tissue will depend on a number of factors such as the stent design, the
geometry and curvature of the vessel, the pressures to which the stent-delivery balloon
is inflated and the mechanical properties of the artery and plaque. The objective of
this study was to investigate the influence of plaque type and inflation pressures on
the stresses induced in the vessel wall for the same stent geometry within an idealised

model of a stenosed artery.

The plaque type was found to have a significant influence on the stresses induced
within the artery during stenting. The stiffer calcified plaque appeared to play a
protective role by reducing the levels of stress within the arterial tissue for any given
inflation pressure. Higher pressures can therefore be applied to calcified plaques with
a lower risk of arterial vascular injury. However the component of lumen gain
achieved through radial displacement of the artery wall during stent expansion is

significantly lower for stiffer plaques at all stent inflation pressures. Lumen gain post
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angioplasty and/or stenting is generally achieved through a combination of
compression, cracking and fracture of the plaque, and overstretching of the artery.
Therefore if stretching of the arterial tissue is the primary means of lumen gain during
stenting of calcified plaques, the protective effects of the plaque may be negated by
the necessity to apply greater inflation pressures to the stent to achieve comparable
lumen gains to those normally achieved during stenting of hypercellular plaques. In
other words, the same stent inflated to identical pressures in different plaques will
result in different outcomes in terms of arterial injury and lumen gain. This result
would also suggest the need for the design of lesion specific stents and inflation
procedures, where imaging techniques such as intravascular ultrasound [27] or high
resolution MRI [28,29] are used to determine plaque composition prior to angioplasty

and stenting.

The risk of arterial damage and/or rupture is greater with cellular plaques, as a
calcified plaque provides significant load-bearing capabilities that reduce the stresses
within the arterial tissue. The model predictions also suggest that the risk of plaque
rupture, and any subsequent thrombosis due to platelet deposition at the fissure, is
greater for calcified plaques with low fracture stresses. Based on reported values of
stress at calcified plaque fracture [9,30], fracture is predicted to occur in calcified
plaques at all stent inflation pressures. It should be noted, however, that the available
data on the fracture stress of atherosclerotic plaques is very limited. The data
presented by [9] includes fracture stresses for three cellular plaques, two calcified
plaques and only one hypocellular plaque. The results of this study clearly illustrate
that appropriate modelling of the fracture mechanisms and damage within plaques is

required to more accurately determine the likelihood of plaque rupture during
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angioplasty and stenting and further empirical data on the fracture strength of plaque
tissue is therefore required. Developing appropriate constitutive models of plaque
damage (e.g. [31]) is also critical if computational models are to be accurately used to

determine lumen gain following stenting.

A simplified set of boundary conditions were used in developing the finite element
model. The angioplasty balloon used to inflate the stent was not explicitly modelled,
rather a pressure was applied to the inner surface of the stent. Explicitly including a
folded balloon in a finite element simulation is necessary to accurately model the
expansion characteristics of a stent [32], however it is not completely necessary for
the determination of the stresses within a stented vessel provided that the stent has
expanded to the same shape as that which would occur under the action of a balloon.
Expansion of the Driver stent was carried out experimentally and validation of the
numerical model including pressure expansion of the stent was carried out to verify
the use of this simplified boundary condition [33]. An addition simplification is to
assume that the artery is fully constrained in the axial direction at both the distal and
proximal ends. The use of spring elements could be considered in future models to

more accurately represent the true boundary conditions.

In the present model, the non-linear nature of arterial plaques was accounted for using
a Mooney—Rivlin hyperelastic constitutive model. The coefficients for the
hyperelastic constitutive model used to represent each plaque type were determined
by curve-fitting to a centrally lying tensile test curve for each plaque type published in
the literature [9]. All tissues were assumed incompressible. Each plaque was assumed

to be isotropic and homogenous. Artherosclerotic plaques have, however, been shown

13



to be heterogeneous [34], viscoelastic [10] and significantly stiffer in tension
compared with compression [8,9]. Finite element models have been developed of
such inhomogenous plaque structures [11,35]. Accessing atherosclerotic type-specific
differences in the structure and mechanical properties of different tissue components
in plaques will be an important development for future finite element models of stent-
artery interactions. An idealised vessel and plaque geometry was also assumed in the
current analyses. The plaque was assumed to be concentric, whereas many plaques are
eccentric and therefore the general findings of this study may not be directly
applicable to such plaque types. In addition, in our model no account was made for
the variation in artherosclerotic tissue properties which would be expected to occur
with age. The artery wall was also assumed to be homogenous, however in reality it
possesses layer-specific mechanical properties that can be accounted for in finite
element simulations [36]. Ideally the mechanical properties of plaques and arteries
would be taken from the same study; however this was not possible given that studies
on the mechanical behaviour of different types of plaque [9] did not investigate the
properties of the underlying arterial tissue. Despite these simplifications, the present
model demonstrates the importance of the plaque type in terms of the potential injury
to a stented artery, injury which may have significant implications for in-stent
restenosis. These models can be used to determine the influence of plaque properties
and inflation pressures on both the initial lumen gain achieved following stenting, as
well as estimating the level of vessel wall injury and can therefore provide valuable
clinical indicators in stenting various atherosclerotic lesions. The results of this study
suggest the need for lesion specific stents and stenting procedures and consequently
future work will focus on the inclusion of more realistic vessel and plaque properties

and geometries in order to quantify the optimal stent design for specific plaque types.
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Tables:

Cl()[kPa] C()] [kPa] C11[kPa] Czo[kPa] C30[kPa]

Artery 708.416  -620.042 O 2827.33 0
Plaque:
Cellular -802.723  831.636 1157.68 0 0
Hypocellular 165.111 16.966 955.388 0 0
Calcified -495.96 506.61 1193.53 3637.80 4737.25

Table 1. Hyperelastic coefficients used for artery/plaque models.

E [GPa] P [kg/ms] Y T [GPa] o, [GPa]

MP35N 232 8430 0.26 0.738 0.414

Table 2. Bi-linear elasto-plastic material model constants for the stent material. E is
the Young’s modulus, p is the density, v is the Poisson’s ratio, T is the Tangent
Modulus and oy is the yield strength.

Hypercellular Hypocellular Calcified
Min. Max. Min. Max. Min. Max.
Pressure Fracture Fracture Fracture Fracture Fracture Fracture
[atm] (300 kPa) (640 kPa) (550 kPa) - (160 kPa) (700 kPa)
9 4.0 % 0.0 % 0.0 % - 100.0 % 0.0 %
12 10.4 % 0.0 % 0.4 % - 100.0 % 0.0 %
15 12.8 % 0.0 % 2.4 % - 100.0 % 0.8 %

Table 3. Percentage of plaque material exceeding minimum and maximum fracture
stress limits for the three different plaque types as a function of pressure [9].
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Figure

Figures

(b)

Fig 1. (a) Driver stent geometry detail. (b) Discretized model geometry (stent in the

unexpanded configuration).
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Figure 3. Von Mises stress percentage volume distribution for the arterial tissue as a
function of plaque type for three different pressures applied on the inner surface of the
stent.
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Figure 4. Von Mises stress percentage volume distribution for the plaque tissue as a
function of plaque type for three different pressures applied on the inner surface of the
stent.
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Figure 5. Von Mises stress distribution in artery during stent deployment as a
function of plaque type for three different pressures applied on the inner surface of the
stent.
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Figure 6. Radial displacement of the arterial wall as a function of pressure on inner
surface of stent for the three different plaque types



Conflict of Interest

There are no conflicts of interest in relation to this manuscript.



