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The long-term clinical efficacy of coronary stents is limited by restenosis. Coronary stenting results 
in altered arterial geometry, local blood flow patterns, and wall shear stress (WSS), all of which can 
influence restenosis. Computational fluid dynamics (CFD) simulations employ assumptions about blood 
properties and boundary conditions, which also influence WSS alterations from stenting. Our objective 
was to evaluate three common assumptions applied with stented coronary artery CFD simulations 
(inlet velocity profile, outlet boundary conditions, and viscosity) to provide insight for future studies. A 
patient-specific right coronary artery was reconstructed from intravascular ultrasound and computed 
tomography imaging. Time-averaged WSS (TAWSS) and oscillatory shear index (OSI) were compared 
for CFD simulations using parabolic and Womersley (α = 2.5) velocity profiles and Newtonian versus 
non-Newtonian (Carreau-Yasuda) viscosity. TAWSS and OSI differences were quantified for 5-element 
lumped parameter network (LPN) outlet boundary conditions as compared to a 3-element Windkessel 
approach previously applied by neglecting ventricular contraction. Differences in velocity profiles were 
negligible beyond two diameters from the inlet. Differences between Womersley inlet 3-element and 
5-element LPNs were ~ 5% for TAWSS and ~ 200% for OSI, and most pronounced near stent struts. OSI 
differences were due to pressure differences between outlet boundary conditions inducing different 
near-wall velocity gradients. TAWSS differences between viscosity models were greatest near struts 
(~ 100%). Collectively these results suggest certain assumptions commonly applied for simulations of 
stented coronary arteries have a greater impact on TAWSS and OSI than others, with outlet boundary 
conditions being paramount, followed by viscosity model and inlet velocity profile.

The evolution and proven efficacy of bare-metal and drug-eluting stents in the treatment of obstructive coronary 
artery disease has led to percutaneous coronary intervention being the most common form of revascularization. 
However, the long-term durability of coronary stents is limited by restenosis and, to a lesser extent, late stent 
thrombosis1 resulting in >200,000 repeat procedures in the US annually2. The factors contributing to restenosis 
are not fully understood, but WSS indices have been implicated since stenting alters artery geometry and 
local blood flow patterns3. Adverse WSS also correlates with neointimal hyperplasia (the main component of 
restenosis) and inhibits endothelialization that protects against late stent thrombosis4–6.

Computational fluid dynamics (CFD) has become a valuable tool for assessment of WSS indices due to its 
noninvasive nature and potential for results with high spatiotemporal resolution. This is particularly important 
in the setting of stents with linkages (i.e., struts) on the order of 50 microns that impose local geometric 
perturbations. Importantly, CFD simulations employ assumptions regarding blood rheology and boundary 
conditions that influence WSS indices.
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Blood rheology models used in cardiovascular CFD simulations are generally classified as Newtonian or 
non-Newtonian, which can influence the calculation of WSS (i.e., the product of viscosity and near-wall velocity 
gradients). Viscosity is constant for Newtonian fluids, where the viscous stresses are linearly related to local 
shear rate. In contrast, viscosity is a function of shear rate for non-Newtonian fluids7. Blood is inherently a 
non-Newtonian, shear thinning fluid with high viscosity at low shear rates and decreasing viscosity as shear 
rate increases until approximately 200 s−1. The viscosity of blood >200 s−1  is generally constant and depends 
on the hemocrit7. Though non-Newtonian viscosity is physiologically more accurate, Newtonian viscosity is 
easier to implement into CFD simulations. This was explored by Mejia et al. who performed Newtonian and 
non-Newtonian viscosity simulations in a stented coronary artery to assess the effect on WSS, concluding that 
the Newtonian approach underestimates WSS within the stented region when compared to the non-Newtonian 
model8. Nevertheless, differences in WSS indices as a result of the viscous model implemented are relatively 
sparse for patient-specific coronary artery simulations that include branches, physiological boundary conditions, 
and local stent struts where differences would be expected to be most pronounced.

Inlet boundary conditions for CFD simulations are commonly assumed to be either parabolic or Womersley. 
Parabolic profiles are characteristic of cylindrical flow where the velocity profile is zero at the wall and increases 
to a maximum near the centerline. A Womersley profile, however, develops as a result of cyclical (i.e., pulsatile) 
flow and is characterized by the Womersley number. The Womersley number (α) reflects the ratio of transient 
inertial forces and viscous forces, and is a function of radius, angular frequency of pulsatile flow, density, and 
dynamic viscosity. With increased Womersley number, the velocity develops a blunter profile near the center 
axis. Because of the no-slip condition at the wall, this can in turn influence near-wall velocity gradients and 
calculation of WSS indices. Myers et al. studied the effect of inlet flow profile within an unbranched unstented 
right coronary artery (RCA) subjected to steady flow and observed that two diameter distances from the inlet 
was sufficient for the flow to become statistically identical as observed in local velocity profiles9.

Additional assumptions applied when conducting stented coronary artery CFD simulations involve the 
boundary conditions applied at model outlets. This is particularly important for the coronary arteries, where 
flow and pressure are out-of-phase due to ventricular contraction10. Two approaches have been used with 
this knowledge of physiology in mind, each involving generation of pressure from a network of resistors and 
capacitors. The 3-element Windkessel lumped parameter network (LPN) has been applied at model outlets 
for coronary artery simulations with some success11–13 by realizing that linearity and time invariance can be 
assumed if the magnitude and duration of an impulse are sufficiently small relative to the duration of the cardiac 
cycle14. Benefits to this approach include simplicity in the determination of Windkessel parameters, each with 
straightforward physiologic meaning14. This was implemented by Gundert et al. in studying differences in WSS 
resulting from stented patient-specific coronary geometries while demonstrating the applicability of their virtual 
stenting approach15. Ellwein et al. employed a similar approach in modeling outlet boundary conditions but, like 
Gundert et al., highlight that the model simplifies the contribution of ventricular contraction by scaling the ratio 
of mean blood pressure and mean flow by 65%, noting that the parameters of the Windkessel model amount to 
a value ~35% less than the total resistance value in prior work13,16. In contrast, a 5-element LPN, which is able 
to capture the out-of-phase behavior of coronary artery flow and pressure by including elements that account 
for ventricular contraction17,18, involves use of less established parameters recently extended to congenital and 
acquired heart disease19–21. Work by Kim et al. provides an overview of the five elements in the model with 
additional discussion on the derivation of the intramyocardial pressure to capture out-of-phase behavior17, while 
Sankaran et al. provide typical values for distributing the coronary resistance18. Coogan et al. provide additional 
details on calculating the values of the resistance parameters from ratios derived from van Huis et al16,22.

Though some previous studies have modeled outlet boundary conditions using the LPNs mentioned above, 
to the authors’ knowledge, no study to date has directly compared differences in WSS indices between these two 
coronary artery boundary conditions, or relative to the influence of non-Newtonian flow, for patient-specific 
stented CFD simulations. Therefore, the object of this investigation was to assess differences in common WSS 
indices as a result of assumptions often applied with CFD models of stented coronary arteries, focusing on inlet 
velocity profile, outlet boundary conditions, and the viscosity model.

Methods
Model creation and computation mesh
All protocols were conducted with IRB approval through the Medical College of Wisconsin and in accordance 
with relevant guidelines and regulations. Informed consent was obtained. Following IRB approval, computed 
tomography angiography (CTA) and intravascular ultrasound (IVUS) imaging patient data were acquired after 
stenting of a RCA and used to create a patient-specific reconstruction (Figure 1). The workflow described by 
Ellwein et al.13 for use with optical coherence tomography data was applied to the IVUS data obtained in the 
current case. Briefly, IVUS images were processed to isolate lumen versus stent contours (i.e. segments) by 
thresholding in MATLAB (Natick, MA). The IVUS imaging wire pullback pathway was then determined by 
minimizing total bending energy within the CTA volume. Lumen segments were then registered longitudinally 
on the wire pathway using landmarks and according to the intravascular image spacing. All lumen segments 
were then oriented orthogonal to the wire pathway and rotated so their centroids were aligned with the vessel 
centerline. Aligned and oriented segments were then loaded into SimVascular (July 10, 2007 version) for lofting 
and blending. The stent used clinically (3.0 x 24.0 mm Synergy, Boston Scientific) was recreated in SolidWorks 
(2024) and then virtually implanted using a series of Boolean operations as previously described by Aleiou23 and 
Chiastra24. Strut thickness was 79 microns, which was approximately equal to the narrowest strut width.

A boundary layer mesh composed of 16.8 million elements was created with MeshSimTM (www.simmetrix.
com) by employing boundary layer meshing to resolve complex flow features around stent struts. This mesh 
size represented the limit of our computing capabilities both in mesh size (number of elements) and boundary 
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layer refinement. Attempts to further refine surface edge length or boundary layer thickness were limited by 
geometry (stent width and thickness as described below), and computational resources failed to generate a 
mesh exceeding ~17 million elements. Boundary layer parameters were divided into two categories: stent, and 
lumen. Stent boundary layer parameters were set to ensure a minimum of four surface elements per strut width, 
a first boundary layer thickness equal to 1/8 the strut width, and a total boundary layer thickness that was 
approximately half the strut width and three layers deep. The number of surface elements per strut width was 
adopted from Kwon et al.25, who use 2 to 4 elements. For the lumen boundary layer parameters, a surface edge 
size equal to the total thickness of the stent boundary layer was found to yield the most consistent cell gradient 
along stent struts where the stent and lumen meet. Four layers was adopted based on the work of Granada26 and 
Razavi27. Figure 2 shows representations of the mesh at different locations. Detailed mesh parameters are shown 
in Table 1. The same computational mesh was used for the combination of inlet and outlet boundary conditions 
studies shown in Figure 1, as described in more detail below.

CFD simulations of stented vasculature can benefit from boundary layer meshing to resolve complex flow 
features near stent struts. As discussed, this was achieved with MeshSim, which succeeded in meshing stented 
regions of the geometry where other meshing software failed. MeshSim was compatible with Parasolid ​(​​​h​t​t​p​

Surface Surface edge length First layer thickness Total BL thickness Number of layers

Lumen 0.045 0.055 0.500 4

Stent 0.020 0.010 0.045 3

Table 1.  Boundary layer parameters for the lumen (wall) and stent. Lengths and thicknesses are in mm.

 

Fig. 2.  Boundary layer mesh at inlet (top left), of a cross section containing stent struts (top right), and within 
representative lumen and stent surfaces (bottom).

 

Fig. 1.  Overview of the patient-specific stented RCA model and assumptions studied. The RCA model was 
reconstructed from IVUS and computed tomography. Multiple versions of this model were then subjected to 
simulations applying assumptions focusing on inlet velocity profile (parabolic or Womersley), outlet boundary 
conditions (3-element or 5 element), and viscosity model (Newtonian or non-Newtonian) in order to assess 
differences in common WSS indices.
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s​:​/​/​p​l​m​.​s​w​.​s​i​e​m​e​n​s​.​c​o​m​​​​​)​, but was only able to apply boundary layer mesh parameters for a Parasolid model 
with named faces. This is relevant as the stent faces created following the Boolean operation to implant the 
stent were unnamed and therefore needed to first be named in order to be meshed. This was achieved using 
a custom-built Tool Command Language (TCL) script to identify, name, and number all unnamed faces (e.g. 
stent_0001, stent_0002, etc.). The newly modified Parasolid model (version 30.0.x) was then opened and resaved 
with SolidWorks to convert the model to a version and format compatible with MeshSim. Doing so allowed face 
names and their corresponding surfaces to be recognized. MeshSim was then able to assign boundary layer mesh 
parameters to all stent and wall-type surfaces (Table 1).

Inflow boundary condition
The inlet velocity flow profile was modeled as parabolic or Womersley (α = 2.5) as shown in Figure 1. A calculated 
cardiac output of 5.56 L/min was determined based on patient height and weight using the body-surface area 
equation of Mosteller28 and assumed cardiac index of 2.5 L/min/m2. Assuming total coronary artery flow 
represents 4% of the coronary output20, an inflow waveform and flow distribution were adopted from healthy 
RCA flow at rest as reported in Ghorbannia et al.19. The waveform was then scaled in time based on patient heart 
rate (Figure 1).

Outlet boundary conditions
LPNs were applied at model outlets using electrical circuit analogs17,29. All outlets for a given simulation used 
a 3-element Windkessel model that has been applied for simplicity by ignoring the impact of ventricular 
contraction24, or an open loop 5-element coronary artery model20. The measured systolic (SBP) and diastolic 
pressures (DBP) were 139 and 63 mmHg, respectively, and were applied as indicated below.

3-Element Windkessel
The 3-element Windkessel electrical circuit analog consists of two resistors and one capacitor. The resistors 
include a proximal resistance, Rp (sometimes denoted as Rc for characteristic impedance), and a distal resistance, 
Rd. In the absence of ventricular contraction, the impulse response method of van Huis et al.16 allows for a 
3-element Windkessel approach to be used to conduct coronary artery CFD simulations. In their work, Rp and 
Rd represent the zero hertz impedance, Z0, and were ~35% less than the total arterial resistance. This assumed 
scaling was extended to the current work for its simplicity in implementing 3-element Windkessel LPN boundary 
conditions for each outlet, knowing that it will yield associated reductions in pressure within simulation results. 
Rp represents the average impedance of frequencies greater than 7 Hz and was calculated as Rp = cph*ρ/(π*r2) 
where cphis the wave speed, ρ is the blood density, and r is the vessel radius16. The wave speed adopted for this 
study was from canine measurements of Harbaoui et al. and taken as 10.0 m/s30. Rd was then calculated as 
the difference between Z0 and Rp. Initial arterial compliance for the simulation was estimated from the above 
calculated resistances and flow rate using a 0D in-house solver to yield pressures that closely match the aimed 
values. This arterial compliance was then distributed to each branch based on outlet cross-sectional area. The 
resistance and compliance parameters were then tuned to first achieve aimed outlet flows and then aimed (i.e. 
scaled) SBP and DBP through an iterative process.

5-Element coronary
The 5-element coronary artery outlet boundary conditions were adapted from the work of Kim et al.17 and 
Mantero et al.29 The model employs three resistors and two capacitors including a coronary arterial resistance 
(Ra), a coronary arterial microcirculation resistance (Ra-micro), a coronary venous microcirculation resistance 
(Rv-micro), and a coronary venous resistance (Rv), where Rv-micro and Rv are in series and therefore summed and 
collectively denoted as Rv. The resistances sum to equal the total resistance at a given ith outlet (Ra,i + Ra-micro,i 
+ Rv,i = Rcor,i). Venous resistance was calculated from outlet-specific mean flow and venous pressure, taken as 
10 mmHg from Opie31. The Ra:Ra-micro ratio for each outlet was adopted from the work of van Huis et al.16 and 
Burattini et al.32, where the characteristic impedance and impedance at zero Hertz were used to calculate Ra/
(Ra + Ra-micro) = 0.38 and Ra-micro/(Ra + Ra-micro) = 0.62. The values of Ra and Ra-micro were calculated according 
to the above ratios and from Rcor,i = Ra + Ra-micro + Rv. This approach was likewise employed by Coogan et al.22.

The protocol used to calculate initial total coronary resistance was adopted from Kim et al.17, Sankaran et 
al.18, and Razavi et al.21,27. The total vascular resistance, Rtot, was calculated as the quotient of the mean blood 
pressure (MBP) and aimed coronary artery flow using clinical values of SBP and DBP where MBP = 0.44SBP 
+ 0.56DBP. Murray’s law33, which can be used to relate the resistance of an outlet to its cross-sectional area, was 
then applied. The outlet cross-sectional areas are shown in Table 2. Given total coronary resistance and outlet 
cross-sectional areas, resistance at a given (ith) coronary artery outlet is calculated as the total coronary resistance 
times the sum of the areas of all coronary outlets to the power of 1.3 divided by the area of the given outlet to the 
power of 1.3: Rcor,i = Rcor,tot(

∑n

j
A1.3

j )/(A1.3
i ). Rcor,i is then distributed into Ra, Ra-micro, and Rv according 

to the approach presented by Kim et al.17 and Sankaran et al.18, using the ratios shown in Table 3. Resistances 
were then tuned to first achieve aimed outlet flows and then aimed SBP and DBP in conjunction with adjusting 
compliance parameters as discussed below.

For the compliance parameters, Ca represents the arterial compliance while Cimrepresents the intramyocardial 
compliance. The total coronary compliance is adopted from Spaan34 and scaled to the patient-specific left 
ventricle mass according to Mizukoshi et al.35 using the body surface area calculations of Mosteller28. The total 
coronary compliance was then distributed to each outlet based on outlet cross-sectional area. The compliance 
at each outlet was then divided into the arterial compliance Ca,i and intramyocardial compliance Cim,i first 
according to initial ratios provided by Kim et al.17 and Sankaran et al.18 before being tuned to the ratios of 0.09 
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and 0.91, respectively, to achieve aimed pulse pressure and therefore physiologically realistic waveforms. The 
final tuned values used for each LPN are also summarized in Table 2.

Intramyocardial pressure
The intramyocardial pressure was adapted from available left ventricular pressure (LVP) data in literature36 and 
scaled to the patient’s SBP assuming an end diastolic pressure of 6 mmHg19,21. The intramyocardial pressure 
waveform Pim for the right coronary was then calculated as Pim,right= 0.5LVP according to Ghorbannia19. The 
RCA inlet flow and intramyocardial pressure waveforms are aligned according to Barash37 and Ghorbannia such 
that RCA flow occurs during both systole and early diastole in the form of two peaks with a local minimum 
coinciding during early diastole.

Simulations and results quantification
Simulations were conducted using SimVascular (simvascular.github.io). Blood was assumed to have a density 
of 1.06 g/cm3 and viscosity of 0.004 Pa-s (4 cP). Mesh element size required a timestep of 1E-4 s to satisfy 
the Courant–Friedrichs–Lewy condition. A backflow stabilization coefficient of 0.1 was also applied at model 
outlets to mitigate divergence of the numerical scheme due to flow reversal. Rigid walls were assumed due to 
the rigid nature of balloon expandable coronary artery stents and patient diagnosis of coronary artery disease. A 
no-slip condition was applied to the collective stent and wall surfaces. Preliminary simulations of the coronary 
artery before virtual stent implantation were run for three cycles for each combination of inlet and outlet 
boundary condition to tune outlet boundary condition parameters and provide initial conditions for the stented 
simulations. Residuals were set to 10–4 as a convergence criterion. Stented simulations achieved periodicity 
within two cycles.

There is evidence indicating that spatial and temporal WSS alterations may serve as stimuli for neointimal 
hyperplasia. Many CFD studies report the oscillatory shear index (OSI), which is a measure of WSS directionality. 
Lower OSI values indicate that WSS is predominantly oriented in the primary direction of blood flow, whereas a 
value of 0.5 indicates bi‐directional WSS with a time‐averaged value of zero. Sites of the vasculature exposed to 
low WSS magnitude and high OSI are theoretically less likely to experience fluid forces that allow for the washout 
of noxious and potentially atherogenic materials in contact with the arterial surface (e.g., LDL). Common WSS 
indices of time-averaged WSS (TAWSS) and OSI were therefore evaluated for the combination of inlet and outlet 
boundary conditions as shown in Figure 1. Results from the 5-element, Womersley simulation were processed 
to compare TAWSS from simulations conducted under a Newtonian fluid assumption to those calculated using 
non-Newtonian viscosity based on the Carreau-Yasuda model7,38. This was achieved during post-processing 
where the shear rate was obtained by dividing TAWSS by dynamic viscosity and substituting the Carreau-Yasuda 
equation to calculate the corresponding non-Newtonian viscosity and associated TAWSS. The parameters used 
in the calculation were λ = 1.902 s, n = 0.22, a = 1.25, μ0 = 0.056 Pa-s, and μ∞ = 0.004 Pa-s.

Results
Local stent-induced flow patterns
The ring-and-link design of the Synergy stent affects the flow patterns within the intrastrut and near-strut 
regions. More specifically, the local orientation of the Synergy stent struts relative to the primary flow direction 
directs blood near struts to develop unique flow patterns depending on whether local velocity vectors are within 
peak or valley portions of circumferentially repeating rings and their connector link elements. Blood flow 
velocity vectors near the wall are directed together (i.e. converge) as they enter a valley between stent struts and 
spread out (i.e. diverge) upon passing over the strut and into an intrastrut region with increasing area (Figure 

Ra,i/Rcor,i Ra-micro,i/Rcor,i Rv,i/Rcor,i

Outlet

Proximal acute marginal 0.35 0.58 0.07

Distal
acute marginal 0.36 0.59 0.05

Posterior descending artery 0.33 0.55 0.12

Table 3.  Resistance ratios used in the current study. Rcor,i is the total resistance of a given outlet while Ra,i, 
Ra-micro,i, and Rv,i are the corresponding arterial, arterial microcirculation, and venous resistances, respectively.

 

Aout

3-element parameters 5-element parameters

Rp C Rd Ra Ra-micro Rv Ca Cim

Outlet

Proximal acute marginal 0.022 95.75 0.015 757.97 486.35 793.52 89.47 0.041 0.410

Distal
acute marginal 0.015 140.31 0.010 1370.83 873.22 1424.72 131.10 0.028 0.280

Posterior descending artery 0.072 29.07 0.050 113.32 76.74 125.21 27.17 0.133 1.349

Table 2.  Resistance and compliance values for the outlet LPNs. Areas: cm2; resistances: 103dyn/cm5; 
capacitances: 10–6cm5/dyn.
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3). This behavior near struts can be likened to that of forward- and backward-facing step behavior characterized 
by regions of recirculation and stagnation. Using this analogy, Figure 3A (top) shows a forward-facing step with 
characteristic flow behavior at the stent valley visualized by streamlines and velocity vectors while Figure 3B 
(bottom) shows a backward-facing step with similar visualization at the stent peak. Pressure differences due 
to the imposed outlet boundary condition approaches manifest themselves in the behavior of velocity vectors 
consistent with this understanding.

Outlet boundary conditions
Percent difference in TAWSS between the 3-element and 5-element outlet boundary conditions for a Womersley 
inlet profile revealed elevated values adjacent to stent struts, often exceeding 5% when coupled with perturbations 
induced from the local RCA geometry. This was particularly true in two locations: the first along the angled 
inner portion of the main curve over the length of three stent rings (Figure 4, left), and the second where the 
stent intersects with the proximal acute marginal (Figure 4, right).

Percent difference in OSI was elevated throughout the stented region with values exceeding 100% on 
approximately 50% of the lumen surface (Figure 5). There were also increased values in the intrastrut regions 
at two main locations: one upstream of the proximal acute marginal, and another along the second ring of the 
stent. The region upstream of the proximal acute marginal encompassed an area approximately six stent rings 
longitudinally by four peaks circumferentially, ending once the stent becomes malapposed by the proximal acute 
marginal. Meanwhile, elevated OSI values along the ring (Figure 5) extend across four of the eight circumferential 
peaks and show differences of ~200% adjacent to struts and ~100% between struts.

These results were further analyzed by studying instantaneous changes in pressure driving local velocity in 
regions of stent struts. Instantaneous WSS results that ultimately factored into the TAWSS and OSI results above 

Fig. 4.  Difference in time-averaged wall shear stress (TAWSS) between simulations with different outlet 
boundary conditions. Greatest differences are seen along the inner curvature of the right coronary artery (left) 
and along stent struts where the stent meets the proximal acute marginal (right).

 

Fig. 3.  Velocity vectors as flowing blood approaches valley (A, top right) and peak (B, bottom) stent regions. 
Forward-facing step geometry and associated streamlines are generally experienced at a stent valley (A) while 
backward-facing step geometry and streamlines are generally experienced at a stent peak (B).
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indicated these changes are due to 3-element versus 5-element LPN outlet boundary conditions and their impact 
on overall pressures during the last cardiac cycle for each case. For example, results from simulations using the 
Newtonian 3-element versus 5-element LPN outlet boundary conditions (for a Womersley inlet flow profile) 
show a large decrease in instantaneous pressure near the start of isovolumic relaxation (flow deceleration) which 
resulted in greater intrastrut velocity differences for the 3-element versus 5-element simulations (Figure 6, A). 
Similarly, large intrastrut velocity differences between simulations using 3-element versus 5-element LPN outlet 
boundary conditions can also be seen at a timestep coinciding with flow acceleration (Figure 6, B).

Inlet flow profile
The percent difference in velocity magnitude between parabolic and Womersley inlet profiles at end systole is 
shown in Figure 7. Slices within a distance equal to twice the inlet diameter are indicated at the bottom of the 
figure. Velocities between the two inflow profiles becomes negligible by the final slice. For completeness, the same 
comparison was conducted for the 3-element LPN to consider the effect of the outlet boundary condition on 
this region. Similar findings were observed, with slices within two diameter distances from the inlet displaying 
negligible differences in velocity for temporally equivalent regions throughout the cardiac cycle.

Viscosity model
TAWSS calculated using non-Newtonian versus Newtonian viscosities revealed the greatest percent difference 
(often exceeding 100%) adjacent to stents struts. Representative results are shown for the 5-element LPN and 
Womersley inlet flow profile in Figure 8 (left) alongside a plot of the non-Newtonian and Newtonian viscosity 
as a function of shear rate (Figure 8; right). Differences at locations greater than one strut width away from the 
stent rarely exceeded 10%. In considering that the non-Newtonian viscosity model employed in this analysis has 
the greatest effect for shear rates < 100 s−1, analysis of the shear rate for a threshold range of 0 to 100 s−1 from 
simulations using 3-element and 5-element LPN outlet boundary conditions with Womersley inlet profile shows 
regions of instantaneous low shear rate (< 100 s−1) differ slightly for the 3-element and 5-element simulations, and 
there is a strong overlap between these regions and regions of increased TAWSS percent difference. Importantly, 
these regions of low shear rate differences coincide with the near-strut regions and bifurcations most susceptible 
to differences in instantaneous pressure gradients, and therefore velocity differences and WSS indices, between 
results stemming from differing outlet boundary conditions illustrated in Figure 6. These differences in shear 
rate for the 3-element and 5-element LPN outlet boundary condition simulations are masked in the cycle-
averaged quantity of TAWSS.

Discussion
Coronary artery CFD simulations are subject to assumptions implemented in the process and inherent tradeoffs 
are adopted by personnel conducting the simulations. These assumptions can impact results and influence 
conclusions drawn about the indices of interest. For example, WSS indices commonly used in assessing likelihood 
of restenosis or late stent thrombosis are particularly susceptible to the assumptions employed. In order to assess 
the influence of several common assumptions, distinct sets of simulations were performed to compare results 
from assumptions involved in modeling the inlet velocity profile, the LPN used to model outlet boundary 
conditions, and the blood rheology model. There are four main findings from this study. First, differences in 

Fig. 5.  Oscillatory shear index (OSI) percent difference between 3-element and 5-element outlet LPNs for a 
Womersley inlet flow profile.
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velocity between parabolic and Womersley (α = 2.5) inlet flow profiles beyond a distance of two diameters from 
the inlet were negligible. Second, the percent difference between 3-element Womersley and 5-element coronary 
artery outlet boundary condition LPNs for TAWSS and OSI were up to 5 and 200%, respectively. Greatest 
differences occurred near stent struts, but some intrastrut regions also showed OSI percent difference of 100%. 
Overall, OSI calculations were more sensitive to changes in outlet LPN model. Third, changes in instantaneous 
pressure and their associated local velocity and WSS indices were a result of the employed outlet boundary 
conditions and their impact during the cardiac cycle. Fourth, Newtonian vs. non-Newtonian calculations 
confirmed that the greatest TAWSS percent difference between the two viscosity models occurs adjacent to stent 
struts, where percent difference often exceeded 100%. Each of these is discussed in more detail below.

In this work we compared the influence of parabolic and Womersley inflow profiles to illustrate the difference 
in near-wall velocity gradients and the distance required before differences become negligible. We conducted 

Fig. 6.  Top: Pressure waveform results from simulations using 3-element and 5-element LPN outlet boundary 
conditions (blue and orange solid lines, respectively) with Womersley inlet flow profile, pressure gradient of the 
3-element and 5-element pressure waveforms (blue and orange dashed lines, respectively), and intramyocardial 
pressure from the 5-element LPN (yellow line). The location shown corresponds to the region of elevated OSI 
in Fig. 5, which is two diameter distances from the inlet. Bottom: Enhanced cross-sectional view showing 
velocity magnitude percent difference at timepoints A and B (left). Differences in velocity magnitude were 
calculated by subtracting velocities of the 3-element LPN outlet boundary condition simulation from those of 
the 5-element LPN outlet boundary condition generally within the red ellipse. Velocity differences between 
the 5-element and 3-element LPN outlet boundary condition simulations are shown for vectors and contours 
located at a depth of approximately half the strut thickness below the lumen surface (middle) and in cross-
section (right).
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simulations that differ only in inlet velocity profile to illustrate these differences. We showed that the choice of 
inlet velocity profile affects the velocity profiles within two diameter distances distal to the inlet, and that beyond 
this distance the differences become negligible. This agrees with the work by Myers et al.9 who explored the 
influence and development of parabolic, Womersley, blunt, and skewed inlet velocity profiles to find that WSS 
differences beyond a distance of two diameters from the inlet were negligible. Despite a difference in Womersley 
number (current: α = 2.5; Myers et al. α = 1.82), the current study extends the findings of the prior work by 
considering a stented artery and inclusion of associated branches. Given the influence of the velocity gradient in 
calculating WSS indices and the distance required before differences become negligible, conclusions regarding 
WSS indices are less impacted by inflow assumptions if made beyond 2 diameters downstream of the inlet.

We conducted simulations using 3-element Windkessel and 5-element coronary LPN outlet boundary 
conditions to compare the effect of ignoring ventricular contraction in stented coronary artery simulations. 
The 3-element LPN outlet boundary conditions stimulations simply ignore the contribution of ventricular 
contraction and are therefore unable to model the out-of-phase behavior of pressure and flow. Conversely, this 
contribution is built into the 5-element model, which incorporates the influence of intramyocardial pressure. 
Contours of percent difference in velocity at the location of greatest OSI difference show elevated values at 
timepoints of large increase or decrease in instantaneous pressure. The regions of high OSI percent differences 
correlate with the severity of velocity differences.

The flow patterns within the intrastrut and near-strut regions are consistent with prior descriptions from 
other stent geometries39–41. Forward- and backward-facing steps in blood flow promote procoagulant conditions 
due to the nature of the convective acceleration-deceleration and recirculation regions39. Namely, accelerated 
flow at the exposed stent corners may result in elevated shear stress, which can lead to platelet activation. This 
can result in the activated platelets washing downstream into the separation zone where they can reach critical 
concentrations for the coagulation cascade. This is exacerbated by the removal of endothelium during stenting, 
which can expose the highly thrombogenic extracellular matrix surface and eliminate associated anticoagulant 
mechanisms.

As motivated in the methods section, adopting the impulse-response method of van Huis et al.16 when 
applying 3-element Windkessel LPN outlet boundary conditions for coronary artery CFD simulations entails 

Fig. 8.  Left: Time-averaged wall shear stress (TAWSS) percent difference between the two viscosity models for 
a 5-element LPN and Womersley inlet flow profile. Right: Comparison of the Newtonian and non-Newtonian 
(Carreau-Yasuda) viscosity models implemented. Parameters used for the calculation are given in Sect. 
“Simulation and Results Quantification”.

 

Fig. 7.  Velocity magnitude percent difference due to parabolic and Womersley (α = 2.5) inlet flow profiles 
during late systole. Cross-sections two full inlet diameter distances from the inlet at quarter slice increments 
are shown. The inlet is located at cross-Sect. 0.
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scaling the impedance by ~35%. A consequence of doing so is a decreased pressure range relative to simulation 
results using the 5-element LPN outlet boundary condition approach. For example, at timepoint A of Figure 6, 
differences in instantaneous pressure between 3-element and 5-element LPN outlet boundary conditions at the 
start of isovolumic relaxation (flow deceleration) resulted in greater intrastrut velocity differences. Similarly, 
timepoint B shows a large increase in instantaneous pressure between the two outflow boundary conditions, 
which corresponds to associated velocity differences. This illustrates the influence of the intramyocardial 
pressure and corresponding out-of-phase behavior of the pressure and flow waveforms between simulations 
differing only in outlet boundary condition type. When coupling these WSS results with the importance of 
capturing out-of-phase behavior of coronary flow and the inability of the 3-element approach to do so, it stands 
to reason that 5-element LNP outlet boundary conditions are preferred between the two. It is also worth noting 
that the current simulations were conducted using data from a stented RCA, where the out-of-phase nature of 
coronary artery blood flow and pressure have been shown to be less pronounced relative to findings in the left 
anterior descending and circumflex coronary arteries19. Hence, the differences presented here are likely to be 
more pronounced if comparing results of 3-element versus 5-element LPN outlet boundary conditions from 
stented CFD simulations in these arteries, although this hypothesis remains to be tested.

Newtonian versus non-Newtonian TAWSS results demonstrate greatest TAWSS percent differences occur 
adjacent to stent struts. This finding agrees with the work of Mejia et al.8, who perform comparison studies 
between Newtonian and non-Newtonian viscosity models of an idealized stented coronary geometry. Two 
Newtonian models are used in their study, one using 3.5 cP viscosity and the other using 4.7 cP calculated 
using the Carreau-Yasuda model, but assuming an average strain rate in a coronary artery. They noted that the 
4.7 cP value resulted in higher WSS but still underestimated the value in near-stent regions when compared 
to the non-Newtonian model. They concluded that it is more appropriate to use non-Newtonian models to 
predict WSS indices within stented arterial segments. Similar work is performed by Karanasiou et al.42 in which 
Newtonian and non-Newtonian simulations were conducted from a stented (Synergy) patient-specific model 
of the left anterior descending artery constructed with optical coherence tomography and angiography data. 
Comparison of WSS along the longitudinal direction of each model shows similar WSS patterns in that, for 
each case, the non-Newtonian model produced higher WSS values than the Newtonian model, and that elevated 
values occurred adjacent to stent struts. WSS values between these studies and the current work differ, but the 
use of steady state versus transient inlet conditions may account for this difference. Collectively, the current 
and prior studies show Newtonian viscosity models underestimate WSS and should be avoided in favor of non-
Newtonian models when possible.

The current results should be interpreted relative to several potential limitations. First, the current study 
only considered data from one patient. Comparison studies involving multiple patients may provide additional 
guidance regarding the assumptions evaluated and their influence on WSS indices. Second, our study was 
limited to the analysis of a single stent within the RCA, which experiences different intramyocardial pressure 
than the left coronary artery bed as mentioned above. Third, the current study assumes a rigid stent and artery 
wall. While the data used was from a patient who had coronary artery disease known to cause arterial stiffening 
and the stent is also likely rigid43, considering proximal, distal and intrastrut deformation of the RCA during 
the cardiac cycle via fluid-structure interaction simulations could result in slightly lower WSS values due to 
artery deformation, although at the expense of computationally time. Fourth, the current study did not involve 
structural finite element analysis to perform stent implantation, which could be more accurate if precise material 
properties of the stenosed coronary artery were known according to recent methods44. Unfortunately, such 
material property data were not available for the current patient and a fluid-structure interaction simulation 
would be computationally expensive. A compromise between rigid wall simulations and stent deformation was 
therefore applied here based on a patient specific method originally applied by Gundert et al.15. This method 
has since been applied for patient-specific models and from idealized and patient-specific intravascular imaging 
of coronary arteries post-stenting11,13,25. Fifth, though the current work extended the stented coronary artery 
reconstruction methods from Ellwein et al.13 to IVUS, geometry has a large impact on WSS distributions, and 
user variability in this process should ultimately be assessed relative to the assumptions studied moving forward. 
Sixth, the current work did not model non-Newtonian flow during the simulation. Thus, the cumulative effects 
of a different viscosity model during the cardiac cycle were not captured. Finally, the simulations presented in 
this study were not directly validated in vitro or in vivo. Validation of patient-specific CFD simulation results 
is inherently difficult since the vasculature of interest cannot be removed and is exposed to physiologic loading 
that is difficult to mimic ex vivo. Moreover, transducers used to measure blood flow and pressure can also impact 
such measurements by their presence within or around the flow domain. Hence, simulations in the current 
proposal were validated to the extent possible by reproducing clinical observations within the error of established 
clinical tools, minimizing uncertainty in the input data to the extent possible, and being transparent about how 
assumptions could lead to disparity in the results obtained. Nevertheless, SimVascular has been validated in prior 
studies, notably in an in vitro study of patient-specific coronary aneurysm anatomy of Kawasaki disease derived 
from phase contrast MRI45. The authors compare velocity contours and profiles obtained from CFD to those 
measured in a physical phantom created from the same MRI data, demonstrating that SimVascular is capable of 
producing qualitative and quantitative predictions of velocities with excellent agreement when compared to the 
experimental results. It is also worth noting that, although the goal of the authors was to validate SimVascular 
in general, the anatomy and flow conditions considered in their work pertain to the coronary arteries, which 
were also the focus of the present study. Validation of numerical simulation methods to model blood flow with 
a clinical treatment approach has additionally been done using similar methods46.

The current IVUS-based patient-specific stented RCA study reveals the importance in choosing appropriate 
assumptions when conducting CFD simulations of stented coronary arteries. Insight into these assumptions can 
better inform future patient-specific numerical models of blood flow and may ultimately yield improved patient 
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outcomes in the clinical setting for approaches that rely on WSS indices. Given the relationship of WSS indices 
in predicting regions susceptible to restenosis, it is somewhat concerning that model results for TAWSS or OSI 
can differ by as much as 100–200% from a single assumption. Of note are the differences stemming from the 
choice of outlet boundary conditions. The 3-element LPN model adapted from literature, although simple to 
implement, cannot replicate the out-of-phase nature between pressure and flow in the coronary arteries since 
it ignores intramyocardial pressure. Differences in WSS indices presented in Figures 4 and 5 are due to changes 
in velocity profiles in the model, and are a manifestation of neglecting ventricular contraction, resulting in 
different pressure gradients during the cardiac cycle as illustrated in Figure 6. Differences near the inlet due to 
the prescribed velocity profile were expected and consistent with prior literature9since the two types of velocity 
profiles impose different velocity gradients at the wall thereby resulting in different WSS values. Analysis of 
differences in velocity between subsequent cycles for a given inlet profile shows that any downstream differences 
are likely due to turbulent kinetic energy rather than the inlet profile. These can be minimized to some degree 
with highly resolved meshes and additional cardiac cycles, but are nonetheless an inherent part of the features 
developing under complex flow conditions. The choice of viscosity model also affects the WSS indices in the 
stented region, which agrees with the established literature7,8,42,47. This highlights a need for flow solvers to 
include non-Newtonian models, particularly when characterizing stent-induced differences in WSS indices. 
Collectively, the current results suggest that certain assumptions commonly applied for simulations of stented 
coronary arteries have a greater impact on TAWSS and OSI than others, with outlet boundary conditions being 
paramount, followed by viscosity model and inlet velocity profile.

Data availability
Datasets used and/or analyzed during the current study cannot be publicly shared due to privacy restrictions. 
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