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ABSTRACT
Although stenting is the most commonly performed procedure for the treatment of coronary
atherosclerotic lesions, in-stent restenosis (ISR) remains one of the most serious clinical
complications. An important stimulus to ISR is the altered hemodynamics with abnormal shear
stresses on endothelial cells generated by the stent presence.
Computational fluid dynamics is a valid tool for studying the local hemodynamics of stented
vessels, allowing the calculation of the wall shear stress (WSS), which is otherwise not directly
possible to be measured in vivo. However, in these numerical simulations the arterial wall and the
stent are considered rigid and fixed, an assumption that may influence the WSS and flow patterns.
Therefore, the aim of this work is to perform fluid-structure interaction (FSI) analyses of a stented
coronary artery in order to understand the effects of the wall compliance on the hemodynamic
quantities. Two different materials are considered for the stent: cobalt-chromium (CoCr) and polyL-lactide (PLLA). The results of the FSI and the corresponding rigid-wall models are compared,
especially focusing on the analysis of the WSS distribution.
Results showed similar trends in terms of instantaneous and time-averaged WSS between compliant
and rigid-wall cases. In particular, the difference of percentage area exposed to TAWSS lower than
0.4 Pa between the CoCr FSI and the rigid-wall cases was about 1.5 % while between the PLLA
cases 1.0 %.The results indicate that, for idealized models of a stented coronary artery, the rigidwall assumption for fluid dynamic simulations appears adequate when the aim of the study is the
analysis of near-wall quantities like WSS.

Keywords: fluid-structure interaction, computational fluid dynamics, stent, coronary artery, wall
shear stress

Highlights:


Fluid-structure interaction (FSI) model of a stented coronary artery;



Comparison between the FSI and the corresponding rigid-wall model, especially focusing on
the wall shear stress patterns;



Evaluation of the effect of two different stent materials, cobalt-chromium and poly-L-lactide
(PLLA);



Similar results in terms of instantaneous and time-averaged WSS between compliant and
rigid-wall models.
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INTRODUCTION
Among the percutaneous interventions, stenting is the most commonly performed procedure for the
treatment of coronary atherosclerotic lesions; however, serious clinical complications remain such
as in-stent restenosis (ISR), which is the reduction in lumen size following the stent implantation
(Park et al., 2012).
The primary process leading to ISR is neointimal hyperplasia (NH) that consists in an excessive
growth of tissue in and around the implanted stent, resulting in a decreased blood flow through the
vessel. One of the stimuli to NH is the altered hemodynamics due to the stent presence that causes
abnormal shear stresses on the endothelial cells (Wentzel et al., 2008).
To date, numerical models have been established as a valid tool for studying the local
hemodynamics of stented vessels, allowing the calculation of the wall shear stress (WSS), which is
otherwise difficult to be measured in vivo.
Many computational fluid dynamic (CFD) studies have been proposed in the literature, considering
idealized (Gundert et al., 2013, 2012, Murphy and Boyle, 2010a, Pant et al., 2010) or more complex
image-based stented coronary models (Chiastra et al., 2013, Ellwein et al., 2011, Gundert et al.,
2011). Despite providing a great deal of information, in these fluid dynamic models the arterial wall
and the stent are considered rigid and fixed, an assumption that may influence the WSS and flow
pattern results.
In the recent past the fluid-structure interaction (FSI) approach has been applied to a wide range of
arterial problems including the aorta (Figueroa et al., 2006), abdominal aortic aneurysms (Leung et
al., 2006; Scotti et al., 2008; Scotti and Finol, 2007; Tezduyar et al., 2007; Wolters et al., 2005),
cerebral aneurysms (Gerbeau et al., 2005; Takizawa et al., 2012, 2011; Tezduyar et al., 2007),
carotid artery bifurcations (Filipovic et al., 2013; Gao et al., 2009; Gerbeau et al., 2005; Lee et al.,
2012; Perktold and Rappitsch, 1995; Tezduyar et al., 2007), and anastomoses of bypass grafts
(Hofer et al., 1996; Leprecht et al., 2002). The extensive study of Tang and coworkers on human
carotid atherosclerotic plaque (Tang et al. 2008, 2004, 2001, 1999, Teng et al. 2010, Yang et al.
2011) deserves special mentioning. Indeed, they provided structural and hemodynamics markers for
the initiation and development of atherosclerosis in carotid arteries using the FSI approach. In a
further study Belzacq et al. (2012) investigated the effect of the length, the stiffness, and the
severity of an asymmetric carotid atherosclerotic plaque on the mechanical action of the blood flow
by developing a parametric FSI model.
FSI simulations of coronary artery models have been performed only in a limited number of studies,
without considering the presence of stents. Koshiba et al. (2007) simulated blood flow, arterial wall
deformation and filtration flow in the wall of a coronary artery with multiple bends. The results of
3

Accepted manuscript at http://dx.doi.org/10.1016/j.jmbbm.2014.02.009

the FSI simulation were used to analyze the low density lipoproteins transport in the arterial lumen
and wall by solving the advection-diffusion-reaction equation. Yang et al. (2009) developed a FSI
model of the middle segment of the human right coronary artery (RCA) with atherosclerotic
plaques, based on intravascular ultrasound (IVUS) images, in order to quantify the effects of
anisotropic vessel properties and cyclic bending of the coronary plaque on flow and plaque
stress/strain conditions. A similar study was recently conducted by Asanuma and colleagues (2013)
who investigated the distributions of shear stress and tissue stresses in the proximal segment of a
stenotic human left anterior descending coronary artery (LCA). Torii et al. (2009) performed a FSI
analysis of a human stenotic RCA using physiological velocity and pressure waveforms to
investigate the effects of wall compliance on hemodynamics. A comparison between a FSI and a
rigid-wall model was carried out showing noticeable differences in instantaneous WSS profiles.
Finally, Malvè et al. (2012) made a comparison between the WSS distribution of a compliant and a
rigid-wall model of a human left main coronary artery with its main branches. WSS distributions
were substantially affected by the arterial wall compliance, in particular considering the minimum
and maximum values of WSS.
The aim of the present work is to perform FSI analyses of a stented coronary artery in order to
understand the effects of the wall compliance on hemodynamic quantities. Both a bare-metal (cobaltchromium - CoCr) and a polymeric (poly-L-lactide - PLLA) stent are considered. The choice of the
polymeric stent, with the same design of the metallic one, is done because of the different stiffness of
the device which could produce bigger deformations with a great influence on the fluid dynamics.
The results of the FSI and the corresponding rigid-wall models are then compared, focusing in
particular on the analysis of the WSS distribution.

2. MATERIALS AND METHODS
2.1 Geometry
A geometrical model of a straight coronary artery and a typical open-cell stent were created using
the CAD software RHINOCEROS v.4.0 Evaluation (McNeel & Associates, Indianapolis, IN,
USA). The geometry of the artery was created with a length of 20 mm, an internal diameter of 2.7
mm and an arterial wall thickness of 0.9 mm. The stent model is characterized by eight rings with a
total length of 8.5 mm, an external diameter of 1.55 mm (uncrimped configuration) and strut
thickness of 90 μm.
In order to obtain the geometrical model of a stented artery which is not based only on geometrical
assumptions but also takes into account the deformation of the vessel caused by the stent
deployment, the device was expanded inside the vessel through a structural analysis reaching the
4
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final diameter of 3 mm. The simulation was carried out by means of ABAQUS/Explicit (Dassault
Systemes, Simulia Corp., RI, USA) following the method proposed in Gastaldi et al. (2010).
The final geometrical configuration, after the elastic recoil, was exported as a triangulated surface
and used to create the fluid and solid domains for the subsequent FSI and CFD analyses (Morlacchi
et al., 2011). An extension with a length of four diameters (10.8 mm) was added at both extremities
of the arterial model (Fig. 1a) in order to obtain developed flow near the region of the stent and
avoid border effects due to the constrains in the inlet and outlet cross-sections, thus reducing their
influence on the results.

2.2 Numerical grids
The geometry of the artery is complex in the vicinity of the stent struts making the compatibility
between the fluid and solid domains critical during a FSI simulation. To minimize this problem, the
two domains were discretized simultaneously obtaining coincident nodes at the fluid-structure
interface.
The meshing software ANSYS ICEM CFD v.14.0 (ANSYS Inc., Canonsburg, PA, USA) was used.
An unstructured tetrahedral mesh was generated in the fluid domain using smaller elements close to
the struts (Fig. 1c) as previously done in Chiastra et al. (2012). The fluid grid, which was chosen
after an appropriate mesh independence study, had 1,121,130 elements (222,476 nodes).
In the solid domain an unstructured hybrid tetrahedral and prismatic grid was created (Fig. 1d). In
particular, the stent and the inner part of the arterial wall were meshed with tetrahedral elements
because of the complexity of the geometry and the necessity of obtaining coincident nodes between
the fluid and solid domains. The external part of the arterial wall was meshed with a layer of
prismatic elements. This choice allowed us to create elements oriented in the radial direction of the
vessel, with an optimal quality (determinant criteria close to 1). The total number of elements was
also reduced with respect to a pure tetrahedral grid. In particular, the mesh contained 899,710
elements (189,521 nodes). The final solid mesh is finer than that obtained after an independence
study performed on the artery without stent. In fact, the device adds complexity to the geometry and
needs to be correctly refined.
The Octree method was chosen for the creation of the tetrahedral meshes for both the domains. This
method ensures refinement of the mesh where necessary, but maintains larger elements where
possible. For the solid domain a full tetrahedral mesh was initially created, prisms were then created
by extrusion of the surface mesh, and the resulting prisms were made conformal with the existing
tetrahedral volume mesh.
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2.3 Material properties
The arterial wall was modeled as a hyperelastic incompressible isotropic and homogeneous
material. The following strain energy function was considered:
𝑊 = 𝐴[exp(𝐵(𝐼1̅ − 3)) − 1] + 𝑈(𝐽)

(2.1)

̅ = 𝐽−2⁄3 𝑭𝑇 𝑭, 𝐽 =
where 𝐼1̅ is the first invariant of the deviatoric right Cauchy-Green tensor 𝑪
det(𝑭) is the Jacobian, F is the standard deformation gradient, U is the volumetric energy function
and A, B are the material constants, which were set to 3.71 Pa and 140.2, respectively. This strain
energy function was first proposed by Demiray (1972), and later used by Delfino et al. (1997) for a
carotid artery bifurcation model and Rodriguez et al. (2008) for an abdominal aortic aneurysm
model. The function parameters were fitted using the experimental tests of human coronary arteries
obtained by Carmines et al. (1991). This material modeling was successfully applied to a coronary
artery in a previous study (Malvè et al., 2012). This model takes into account the effect of the axial
pre-stretch since the used experimental data also included it. The viscoelasticity, the active behavior
of muscle fibers of the artery, and the intrinsic anisotropy, due to the preferential directions of
collagen and muscle fibers, were neglected. This assumption might alter the results obtained for the
structural part in terms of stresses and strains, but does not alter the overall compliance of the artery
in presence of the stent due to the fact that the material model used for the artery fitted experimental
data. Since the aim of the work is the analysis of the compliant artery and not the evaluation of the
stresses inside it, in first approximation the results have to be considered acceptable.
The stent material was considered linear elastic, isotropic and homogeneous. Two different cases
were analyzed maintaining the same geometry: CoCr (Young’s modulus = 233 GPa and Poisson’s
ratio = 0.35) and PLLA stent (Young’s modulus = 900 MPa and Poisson’s ratio = 0.30).
Relative displacements were not allowed between the stent and the arterial wall. In fact, the volume
was meshed with coincident nodes at the interface between the stent and the arterial wall. Although
non-physiological, this condition allowed a significant reduction in the complexity of the model.
The blood was modeled as an incompressible Newtonian fluid, with a density of 1060 kg/m3 and a
dynamic viscosity of 0.0035 Pa s (Rikhtegar et al., 2013). Since the Reynolds number based on the
inlet diameter was 210 at peak of flow rate, an order of magnitude smaller than the Reynolds
number for transition to turbulence (2300) (Spurk and Aksel, 2009), the flow was assumed to be
laminar under unsteady conditions. The Womersley number was 1.95.
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2.4 Boundary and flow conditions
The extremities of the extensions of the solid model were constrained by preventing rigid-body
axial and transaxial motion. The constrains were applied far from the stented region, at a distance
longer than four diameters (Fig. 1a). Therefore, these conditions are acceptable and their influence
on the stented region is limited. In order to avoid the motion of the vessel outside of its axis (z-axis)
during the cardiac cycle, constrains were added in x and y direction to sets of nodes along the length
of the extensions (Fig. 1d). In particular, along the extensions, starting from the top and bottom
surfaces, for the nodes set in x direction (Fig. 1d - orange dots), the movement in y direction was not
allowed while, for the nodes set in y direction (Fig. 1d - white dots), the movement in x direction
was not allowed. These conditions are normally used for FSI biomechanical studies of coronary
arteries (Malvè et al., 2012; Torii et al., 2009), abdominal aneurisms (Scotti et al., 2008; Takizawa
et al., 2011, Torii et al 2010, 2006) and carotid arteries (Malvè et al., 2013).
The artery was initially pressurized by applying at the inlet cross-section a ramp of velocity from 0
m/s to 0.138 m/s and, at the outlet, a ramp of pressure from 0 mmHg to 80 mmHg. Then, the
velocity and pressure waveforms measured by Davies et al. (2006) in a human left coronary artery
were imposed (Fig. 1b) at the inlet and the outlet, respectively. The conditions were assumed to be
uniform over the cross-section. The average flow rate was 45 mL/min and the duration of the
cardiac cycle was 0.9 s.
The no-slip boundary condition was applied to the fluid-structure interface (surface representing the
endothelial wall and the stent struts).

2.5 Numerical simulations
The following four analyses were performed: FSI and rigid-wall simulation of the arterial model
with the CoCr stent, and FSI and rigid-wall simulation of the model with the PLLA stent. All the
simulations were carried out using the commercial finite element package ADINA v.8.7.3 (ADINA
R&D, Inc., Watertown, MA, USA).

2.5.1 FSI simulations
Fully coupled FSI simulations were performed. The numerical approach uses the arbitrary
Lagrangian-Eulerian (ALE) formulation (Bathe and Zhang, 2004; Bathe et al., 1999) for the fluid
domain and a typical Lagrangian formulation of the solid domain (Bathe and Zhang, 2004; Donea et
al., 2008).
Considering the moving reference velocity, the Navier–Stokes equation can be written as:

7
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ρF

∂𝐯𝐅
∂t

+ ρF ((𝐯𝐅 − 𝐰) ∙ ∇)𝐯𝐅 = −∇p + μ∇2 𝐯𝐅 + 𝐟𝐅𝐁

(2.2)

where the term 𝐰 is the moving mesh velocity vector, 𝐯𝐅 is the velocity vector, p is the pressure, 𝐟𝐅𝐁
is the body force per unit volume, ρF is the fluid density, and μ is the dynamic viscosity. In the ALE
formulation, (𝐯𝐅 − 𝐰) is the relative velocity of the fluid with respect to the moving coordinate
velocity.
The governing equation of the solid domain is the following momentum conservation equation:
∇ ∙ 𝛔𝐒 +  𝐟𝐅𝐁 = ρS 𝐮̈ 𝐒 

(2.3)

where ρS is the solid density, 𝛔𝐒 is the solid stress tensor, 𝐟𝐅𝐁 is the body force per unit volume and
𝐮̈ 𝐒 is the local acceleration of the solid. The domains described by Eqs. 2.2 and 2.3 are then coupled
through displacement compatibility and traction equilibrium (Bathe and Zhang, 2004) with the
following equations:
𝐮𝐒 = 𝐮𝐅

(𝑥, 𝑦, 𝑧) ∈ ΓFwall ∩ ΓSwall

(2.4)

𝛔𝐒 ∙ 𝐧𝐒 + 𝛔𝐅 ∙ 𝐧𝐅 = 0

(𝑥, 𝑦, 𝑧) ∈ ΓFwall ∩ ΓSwall

(2.5)

where ΓFwall and ΓSwall are the boundaries of the fluid and solid domains, respectively. Equation 2.5
is an equilibrium condition between the stresses acting in normal direction on both domain
boundaries ΓFwall and ΓSwall .
The governing equations were solved with the finite element method, which discretizes the
computational domain into finite elements that are interconnected by element nodal points.
For the structural model, a sparse matrix solver was used to solve the system. The full NewtonRaphson method (Bathe, 2006a) with a maximum of 500 iterations in each time step was chosen as
iteration scheme.
The fluid domain employs special flow-condition-based-interpolation (FCBI-C) tetrahedral
elements (Bathe, 2006b). All solution variables are defined in the center of the element and the
coupling between the velocity and the pressure is handled iteratively. FCBI-C elements require the
segregated method to solve the nonlinear equations. The sparse linear equation solver based on
Gaussian elimination was used.
To solve the coupling between the fluid and the structural models, the iterative method was chosen
(Bathe, 2006b). In this computing method, the fluid and solid solution variables are fully coupled.
The fluid equations and the solid equations are solved individually in succession, always using the
8
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latest information provided from another part of the coupled system. This iteration is continued
until convergence in the solution of the coupled equations is reached. The maximum number of
fluid-structure iterations for each time step was set to 1000.
The time step size was set to 0.001 s (900 time steps were necessary for one cardiac cycle).
Simulations were performed in parallel on one node of a cluster with an Intel processor, 8 CPUs,
with a CPU speed of 2268MHz and a total memory of 24 Gb. One cardiac cycle was modeled. In
order to verify that one cardiac cycle was enough to guarantee correct results, the CoCr FSI model
and the corresponding rigid-wall model were investigated by simulating three cardiac cycles. No
significant differences were found in the WSS results between the first and the third cardiac cycle.
The calculation time of the FSI simulation was around 500 hours for one cardiac cycle.

2.5.2 Rigid-wall simulations
The same settings chosen for the fluid domain of the FSI models were used. In order to obtain a
more realistic comparison between FSI and rigid-wall simulations, the geometries of the CoCr and
PLLA cases, pressurized at 80 mmHg, were considered.
More in detail, the structural model of the stented artery, for both cases, PLLA and CoCr, is initially
not pressurized. For this reason, before a cardiac cycle can be applied, the diastolic pressure has to
be reached. In order to start the heart cycle with identical geometrical configurations and properly
perform a comparison of hemodynamics variables between rigid-wall and FSI simulations, the
reference diastolic configuration of the artery was considered for the rigid-wall analyses. By means
of the commercial software MATLAB (MathWorks Inc. – Natick, MA, USA), the deformed mesh
obtained from the FSI simulation at the beginning of the cardiac cycle was used to generate an input
grid for the CFD computations. This mesh allows that the performed simulations, rigid-wall and
FSI analyses, could be compared taking into account only the compliance of the arterial wall due to
the cardiac cycle.
In Fig. 2 the comparison between the initial undeformed configuration and the diastolic
configuration of the CoCr and PLLA models is presented.

2.6 Results quantification
For the FSI cases, the displacements of the fluid-structure interface during the cardiac cycle were
analyzed. Moreover, four different cross-sections (S1, S2, S3, S4) were chosen to evaluate the
variation of area and the corresponding diameter (Fig. 3). The area variation (App - Alp) expressed in
percentage was calculated as:
9
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𝐴𝑟𝑒𝑎𝑣𝑎𝑟𝑖𝑎𝑡𝑖𝑜𝑛[%] =

𝐴𝑝𝑝 −𝐴𝑙𝑝
𝐴𝑙𝑝

100

(2.6)

where App is the area of the cross-section at peak pressure and Alp is the area of the cross-section at
the minimum pressure during the cardiac cycle.
The diameter variation (dpp - dlp) expressed in percentage was calculated as:

𝐷𝑖𝑎𝑚𝑒𝑡𝑒𝑟𝑣𝑎𝑟𝑖𝑎𝑡𝑖𝑜𝑛[%] =

𝑑𝑝𝑝 −𝑑𝑙𝑝
𝑑𝑙𝑝

100

(2.7)

where dpp is the area of the cross-section at peak pressure and dlp is the area of the cross-section at
the minimum pressure during the cardiac cycle. Since cross-sections S1 and S2 are not circular (Fig.
3) because of the presence of the stent struts, the hydraulic diameter was calculated for these
locations as:

𝑑ℎ =

4𝐴

(2.8)

𝑝

where A is the area of the cross-section and p is its wetted perimeter.
To compare the FSI and rigid-wall models, the wall shear stress (WSS) and the time-averaged WSS
(TAWSS) were considered. TAWSS is defined as:
1

𝑇

𝑇𝐴𝑊𝑆𝑆 =  𝑇  ∫0 |𝜏⃗𝑤 | 𝑑𝑡

(2.9)

where 𝜏⃗𝑤 is the WSS vector and T is the duration of one cardiac cycle.
Low values of WSS have been recognized as critical for NH. Endothelial cells subjected to WSS
lower than 0.4 Pa or oscillatory WSS are circular in shape without any preferred flow alignment
pattern (Malek et al., 1999). These cells, coupled with the blood stagnation usually observed in
regions of low WSS, lead to increased uptake of blood-borne particles to the arterial wall, which is
prevalent in atherosclerosis, as a result of increased residence time and increased permeability of
the endothelial layer (Murphy and Boyle, 2012). An inverse relationship between WSS magnitude
and the extent of ISR was found both by in vivo animal studies (Carlier et al., 2003; LaDisa Jr.,
2005) and human studies (Gijsen et al., 2003; Papafaklis et al., 2009, 2007; Sanmartin et al. 2006;
Thury et al., 2002; Wentzel et al., 2001).
10
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WSS and TAWSS were analyzed in the region of the fluid-structure interface that contains the stent
(in the following, we refer to it as the ‘region of interest’ (ROI); Fig. 3). In particular, the
percentage area exposed to low WSS was calculated in the ROI as the ratio between the area
exposed to WSS lower than 0.4 Pa and the total area of the ROI. The area distribution of WSS was
also visualized using histograms by displaying the amount of area of the ROI contained between
specific intervals of the variable value (Murphy and Boyle, 2010b).

3. RESULTS AND DISCUSSION
The displacements of the fluid-structure interface that occur during the cardiac cycle for the two FSI
models were first analyzed. The maximum displacements take place at peak pressure (t = 0.37 s, p =
139.6 mmHg); they are localized in the arterial wall portions immediately before and after the stent
(Fig. 4a) and they are equal to 0.215 mm and 0.240 mm, respectively for case FSI CoCr and FSI
PLLA. A qualitative comparison of the contour maps of displacement magnitude shown in Fig. 4a
highlights the different influence of the CoCr and PLLA stents on the arterial wall deformation:
CoCr struts do not move as a consequence of the blood pressure variation; only the arterial wall
portions within the stent cell dilate. On the contrary, PLLA struts, with a Young’s modulus of two
orders of magnitude lower than the CoCr, significantly move; the displacement value is between
0.09 mm and 0.15 mm in all the stented region. The same behavior is evident looking at the
displacements on a line in the axial direction of the vessel for the two FSI cases (Fig. 4b).
The variation of area and the corresponding diameter of the four cross-sections chosen for the FSI
models are reported in Table 1. These data confirms the rigid behavior of the CoCr stent. The crosssections characterized by the presence of the stent struts (S1 and S2) show lower area and diameter
variations if compared to the cross-sections outside the stented region (S3 and S4). In particular, S2,
which is characterized by the higher amount of struts, has the lowest area and diameter variation,
0.47% and 0.11%, respectively. Cross-sections S3 and S4 have values of area and diameter
variations comparable to the FSI PLLA model, about 4.3% and 2.1%, respectively. The FSI PLLA
case shows a more uniform behavior than the FSI CoCr case, with similar values of area and
diameter variations for all the analyzed cross-sections.
The values of diameter variation outside the stented region (S3 and S4) can be compared to
literature data. The values are similar to those found by Malve et al. (2012) and Torii et al. (2009)
with their FSI models of coronary arteries. Moreover, the FSI simulations of the present study show
comparable values of diameter variation to the experimental findings by Schaar et al. (2005) based
on IVUS palpography measurements.

11

Accepted manuscript at http://dx.doi.org/10.1016/j.jmbbm.2014.02.009

As previously shown by experimental and computational studies (Haluska et al., 2007; Tada et al.,
2005), the temporal variation of vessel diameters is in phase with the pressure.
In order to study the effects of the wall compliance on the hemodynamics of a coronary stented
artery model, the WSS patterns were analyzed. In Fig. 5 the contour maps of TAWSS along the
fluid-structure interface for the FSI and rigid-wall cases are depicted. Low TAWSS are located next
to the stent struts. For each repeating stent cell, the values of TAWSS increase from the zones near
the struts towards the center of each cell. These findings are in agreement with several previous
computational studies (Balossino et al., 2008; Duraiswamy et al., 2008; Gundert et al., 2013). A
qualitative comparison of the contour maps of both the CoCr and PLLA cases does not point out
any significant difference between the FSI and rigid-wall models. In Fig. 6 the TAWSS on a line in
the axial direction of the vessel is displayed for the CoCr and PLLA cases. The values of TAWSS
are slightly higher in the FSI model in the portions of the fluid-structure interface outside the stent,
while they are similar in in the vicinity of the struts. This means that the stent makes the vessel wall
stiffer, thus reducing the WSS differences.
The percentage area exposed to TAWSS lower than 0.4 Pa in the ROI (Table 2) is similar between
the FSI and rigid-wall cases. In particular, the percentage difference between the CoCr FSI and
rigid-wall cases is equal to 1.57% while between the PLLA cases is 1.05%.
In Fig. 7 the area distribution of TAWSS in the ROI are presented for the four analyzed cases. To
better visualize the differences between the histograms, the bars with an absolute difference greater
than 0.005 between the FSI and rigid-wall models are indicated by symbols. Differences between
the bars are small: the maximum absolute difference for the CoCr cases is 0.022 (interval 1.4-1.5
Pa) while for the PLLA cases is 0.008 (interval 1.4-1.5 Pa).
In addition to the TAWSS, which is an average quantity, the instantaneous WSS were studied. The
time instants corresponding to peak pressure and peak flow rate (t = 0.59 s, Q = 91.1 mL/min) were
chosen. In Figs. 8 and 9 the distributions of WSS in the ROI are presented, respectively at peak
pressure and flow rate. No significant differences between FSI and rigid-wall models can be
detected, also considering the instantaneous quantities.

Limitations
Although this study proposes a novel aspect of the comparison between a stented artery analyzed
under FSI and rigid-wall approach, some necessary assumptions were adopted.
The velocity and pressure waveforms imposed as boundary conditions of the models were taken
from in-vivo data (Davies et al., 2006). Therefore, flow conditions are quite reliable. However, the
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heart motion, typical of the diastolic coronary flow, was neglected in this work, isolating the effects
of the pure coronary artery intravascular flow on the wall compliance. The motion of coronary
arteries can be described by overall vessel translation, stretching, bending and twisting and to a
minor degree by radial expansion and axial torsion (Ramaswamy et al., 2004). The effects on
hemodynamics in presence of the heart motion are still a subject of study. Several works have been
proposed in the literature with conflicting results. In particular, Zeng et al. (2003) studied the
hemodynamics of a RCA model under physiologically realistic cardiac-induced motion. These
authors concluded that the motion effects were small compared to flow pulsation effects.
Ramaswamy et al., (2004) found that arterial motion substantially affects the hemodynamics in the
LAD. Prosi et al. (2004) considered a realistic curved model of the LAD with its first diagonal
branch by attaching it to the surface of a sphere with time-varying radius based on experimental
dynamic curvature data. Their results showed that the effect of curvature dynamics on the flow field
were negligible. Theodorakakos et al. (2008) studied the effect of myocardial motion on the flow
field and WSS distribution of an imaged-based human LAD and its main branches in the presence
of a stenosis. Results indicated that fluid dynamics was considerably affected by the pulsatile nature
of the flow and myocardial motion had only a minor effect on flow patterns within the arterial tree.
Although the absolute values of WSS were different, the WSS spatial distribution was very similar
between the stationary and the moving coronary tree. Hasan et al. (2013) investigated the effects of
cyclic motion (i.e. bending and stretching) on blood flow in a 3D model of a segment of the LAD,
which was created on the basis of anatomical studies. Their results highlighted that, although the
motion of the coronary artery could significantly affect blood particle trajectory, it had slight effect
on velocity and WSS.
The second assumption of this work is related to the modeling of the arterial wall, which was
considered as a hyperelastic incompressible isotropic and homogeneous material using the strain
energy function originally proposed by Demiray (1972). A more realistic model for the material
might be implemented taking into account the anisotropy related to collagen fiber dispersion in the
tissue (Gasser et al., 2006) and the three-layered characterization of the arterial wall (Holzapfel et
al., 2005). Moreover, the initial stresses due to the stent deployment were neglected in this
preliminary study. This aspect may over-estimate the computation of the displacements in the
arterial wall.
Lastly, the initial structural simulation of stent deployment was used exclusively to obtain the
geometry for the subsequent FSI and rigid-wall fluid dynamic simulations. The stress state of the
artery and the stent due to the expansion of the device were not considered in the FSI analyses.
Therefore, the stress in the artery and in the stent calculated in these analyses might be
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underestimated. Even though this approximation may strongly affect the wall stresses and strains
computation, the compliance, which was evaluated in this study, is relatively unaffected, depending
basically only on the pressure field.

4. CONCLUSIONS
A FSI model of an idealized straight stented coronary artery was created and compared to the
corresponding rigid-wall model in order to understand the effects of the wall compliance on the
hemodynamics. The effect of two different stent materials, CoCr and PLLA, on the results was
evaluated.
Similar results were found in terms of TAWSS and instantaneous WSS between compliant and
rigid-wall cases: the contour maps of WSS and also the WSS profiles are qualitatively similar; the
difference of percentage area exposed to TAWSS lower than 0.4 Pa in the stented region between
the FSI and the rigid-wall cases is low (about 1.5 % and 1.0 %, respectively for the CoCr and PLLA
cases). The comparison between compliant and rigid-wall cases showed similar results in terms of
WSS although CoCr and PLLA FSI models deforms differently during the cardiac cycle, with
higher values of displacement in the stented region for the PLLA FSI case.
The results of the present work indicate that, for idealized models of a stented coronary artery, the
rigid-wall assumption for fluid dynamic simulations appears adequate when the aim of the study is
the analysis of near-wall quantities like WSS.
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Table 1 – Variations of area and diameter of the four analyzed locations of FSI CoCr and FSI
PLLA models.

Area variation [mm2]

Area variation [%]

Diameter variation
[mm]

Diameter variation
[%]

FSI CoCr

FSI PLLA

FSI CoCr

FSI PLLA

FSI CoCr

FSI PLLA

FSI CoCr

FSI PLLA

S1

0.802

3.948

0.86

4.07

0.013

0.071

0.41

2.12

S2

0.418

3.975

0.47

4.23

0.003

0.071

0.11

2.32

S3

3.051

3.370

4.32

4.42

0.064

0.068

2.14

2.19

S4

2.653

2.587

4.31

4.20

0.060

0.058

2.13

2.08

Location

Table 2 – Percentage of area exposed to WSS lower than 0.4 Pa in the region of interest (ROI).
Percentage area with WSS < 0.4 Pa [%]
CoCr

Time instant

PLLA

FSI

Rigid-wall

FSI

Rigid-wall

t = 0.37 s

67.68

66.41

70.96

69.85

t = 0.59 s

12.58

12.79

16.10

15.68

Time averaged

40.22

38.65

44.91

43.86
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LIST OF FIGURE CAPTIONS
Figure 1 – A) Geometrical model of the straight coronary artery with a typical deployed open-cell
stent. The geometry was obtained through a structural simulation of stent expansion inside the
vessel. Extensions with a length of four diameters were added at the extremities of the model. The
fluid domain is displayed in light gray while the solid domain in dark gray. Dimensions are in
millimeters. B) Flow rate and pressure waveforms of a human LAD (Davies et al., 2006) applied at
the inlet and at the outlet cross-section, respectively. Peak pressure is at t=0.37s while peak flow is
at t=0.59s. C) Detail of the tetrahedral grid obtained at the fluid-structure interface in the vicinity of
the stent struts. The mesh is characterized by smaller elements close to the struts. D) Particular of
the mesh of the solid (left) and the fluid (right) domain at one extremity of the extensions (inlet
cross-section). The solid domain is discretized by prismatic elements with triangular base in the
inner part and by a layer of prismatic elements with rectangular base in the external part. The dots
aligned with z-axis indicate the constrains which were added in the extended regions to avoid the
motion of the vessel outside its axis during the cardiac cycle. For the set of nodes in x direction
(orange dots), movement in y direction was not allowed while for the set of nodes in y direction
(white dots), movement in x direction was not allowed.
Figure 2 – A) Initial undeformed configuration of the FSI simulations, before the pressurization
step. This configuration is identical for both CoCr and PLLA FSI cases. B) Diastolic CoCr
configuration. C) Diastolic PLLA configuration. In the magnification boxes on the right, the tissue
between two rings of the stent is shown. As indicated by the black arrows, in the undeformed
configuration the tissue is prolapsed between the struts toward the interior of the vessel while in the
diastolic configurations it is prolapsed toward the exterior for the effect of the blood pressure.
Figure 3 – Location of the four cross-sections that were chosen to evaluate the variation of area and
the corresponding diameter during the cardiac cycle. The region of interest (ROI) for the analysis of
the WSS (region of the fluid-structure interface that contains the stent) is representated in light gray.
Figure 4 – A) Contour maps of displacement magnitude along the fluid-structure interface of case
FSI CoCr (top) and FSI PLLA (bottom) at peak pressure (t = 0.37 s, p = 139.6 mmHg), in the
region of interest (ROI). B) Displacements on a line in the axial direction of the vessel for the cases
FSI CoCr and PLLA at peak pressure. The distance is normalized in the ROI. The reference line is
shown on the top left image of the vessel model.
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Figure 5 – Contour maps of TAWSS along the fluid-structure interface: left) CoCr and PLLA FSI
models; right) CoCr and PLLA rigid-wall models. Low TAWSS are indicated in red.
Figure 6 – TAWSS on a line in the axial direction of the vessel: A) FSI and rigid-wall CoCr
models; B) FSI and rigid-wall PLLA models. The distance is normalized in the region of interest
(ROI). The reference line is shown on the top left image. In the magnification area, an exemple of
WSS peaks due to the presence of stent struts is displayed.
Figure 7 – TAWSS distributions: left) CoCr and PLLA FSI models; right) CoCr and PLLA rigidwall models. Each bar of the histograms represents the amount of normalized area with a defined
range of TAWSS. Bar widths are 0.1 Pa. The bars with an absolute difference greater than 0.005
between the FSI and rigid-wall models are indicated by the symbols “xx” and “++”, respectively for
the CoCr and PLLA cases.
Figure 8 – WSS distributions at peak pressure (t = 0.37 s, p = 139.6 mmHg): left) CoCr and PLLA
FSI models; right) CoCr and PLLA rigid-wall models. Each bar of the histograms represents the
amount of normalized area with a defined range of TAWSS. Bar widths are 0.1 Pa. The bars with
an absolute difference greater than 0.01 between the FSI and rigid-wall models are indicated by the
symbols “xx” and “++”, respectively for the CoCr and PLLA cases.
Figure 9 – WSS distributions at peak flow rate (t = 0.59 s, Q = 91.1 mL/min): left) CoCr and PLLA
FSI models; right) CoCr and PLLA rigid-wall models. Each bar of the histograms represents the
amount of normalized area with a defined range of TAWSS. Bar widths are 0.1 Pa. The bars with
an absolute difference greater than 0.01 between the FSI and rigid-wall models are indicated by the
symbols “xx” and “++”, respectively for the CoCr and PLLA cases.
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Figure 1 – A) Geometrical model of the straight coronary artery with a typical deployed open-cell
stent. The geometry was obtained through a structural simulation of stent expansion inside the
vessel. Extensions with a length of four diameters were added at the extremities of the model. The
fluid domain is displayed in light gray while the solid domain in dark gray. Dimensions are in
millimeters. B) Flow rate and pressure waveforms of a human LAD (Davies et al., 2006) applied at
the inlet and at the outlet cross-section, respectively. Peak pressure is at t=0.37s while peak flow is
at t=0.59s. C) Detail of the tetrahedral grid obtained at the fluid-structure interface in the vicinity of
the stent struts. The mesh is characterized by smaller elements close to the struts. D) Particular of
the mesh of the solid (left) and the fluid (right) domain at one extremity of the extensions (inlet
cross-section). The solid domain is discretized by prismatic elements with triangular base in the
inner part and by a layer of prismatic elements with rectangular base in the external part. The dots
aligned with z-axis indicate the constrains which were added in the extended regions to avoid the
motion of the vessel outside its axis during the cardiac cycle. For the set of nodes in x direction
(orange dots), movement in y direction was not allowed while for the set of nodes in y direction
(white dots), movement in x direction was not allowed.
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Figure 2 – A) Initial undeformed configuration of the FSI simulations, before the pressurization
step. This configuration is identical for both CoCr and PLLA FSI cases. B) Diastolic CoCr
configuration. C) Diastolic PLLA configuration. In the magnification boxes on the right, the tissue
between two rings of the stent is shown. As indicated by the black arrows, in the undeformed
configuration the tissue is prolapsed between the struts toward the interior of the vessel while in the
diastolic configurations it is prolapsed toward the exterior for the effect of the blood pressure.
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Figure 3 – Location of the four cross-sections that were chosen to evaluate the variation of area and
the corresponding diameter during the cardiac cycle. The region of interest (ROI) for the analysis of
the WSS (region of the fluid-structure interface that contains the stent) is representated in light gray.
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Figure 4 – A) Contour maps of displacement magnitude along the fluid-structure interface of case
FSI CoCr (top) and FSI PLLA (bottom) at peak pressure (t = 0.37 s, p = 139.6 mmHg), in the
region of interest (ROI). B) Displacements on a line in the axial direction of the vessel for the cases
FSI CoCr and PLLA at peak pressure. The distance is normalized in the ROI. The reference line is
shown on the top left image of the vessel model.
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Figure 5 – Contour maps of TAWSS along the fluid-structure interface: left) CoCr and PLLA FSI
models; right) CoCr and PLLA rigid-wall models. Low TAWSS are indicated in red.
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Figure 6 – TAWSS on a line in the axial direction of the vessel: A) FSI and rigid-wall CoCr
models; B) FSI and rigid-wall PLLA models. The distance is normalized in the region of interest
(ROI). The reference line is shown on the top left image. In the magnification area, an exemple of
WSS peaks due to the presence of stent struts is displayed.
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Figure 7 – TAWSS distributions: left) CoCr and PLLA FSI models; right) CoCr and PLLA rigidwall models. Each bar of the histograms represents the amount of normalized area with a defined
range of TAWSS. Bar widths are 0.1 Pa. The bars with an absolute difference greater than 0.005
between the FSI and rigid-wall models are indicated by the symbols “xx” and “++”, respectively for
the CoCr and PLLA cases.
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Figure 8 – WSS distributions at peak pressure (t = 0.37 s, p = 139.6 mmHg): left) CoCr and PLLA
FSI models; right) CoCr and PLLA rigid-wall models. Each bar of the histograms represents the
amount of normalized area with a defined range of TAWSS. Bar widths are 0.1 Pa. The bars with
an absolute difference greater than 0.01 between the FSI and rigid-wall models are indicated by the
symbols “xx” and “++”, respectively for the CoCr and PLLA cases.
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Figure 9 – WSS distributions at peak flow rate (t = 0.59 s, Q = 91.1 mL/min): left) CoCr and PLLA
FSI models; right) CoCr and PLLA rigid-wall models. Each bar of the histograms represents the
amount of normalized area with a defined range of TAWSS. Bar widths are 0.1 Pa. The bars with
an absolute difference greater than 0.01 between the FSI and rigid-wall models are indicated by the
symbols “xx” and “++”, respectively for the CoCr and PLLA cases.

37

