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We extend our previous distributed lumped parameter (DLP) modeling approach to take into account blood
vessel wall deformability. This is achieved by adding a compliance term for each vascular segment based on
1D NS equations. The results of the proposed method are compared against 1D Navier-Stokes and 3D fluid—
structure interaction (FSI) modeling in idealized and patient-specific models. We show that 1D Navier-Stokes
blood flow modeling can be highly inaccurate in predicting flow and pressure dynamics in diseased cases, while

in comparison the DLP approach produces consistently accurate flow and pressure waveforms as compared to
3D FSI modeling. The relative accuracy and computational efficiency of the proposed DLP approach offer the
possibility to replace or augment 1D or 3D modeling to study hemodynamics in a variety of applications.

1. Introduction

Cardiovascular disease (CVD) is the leading cause of death world-
wide. By 2035, it is expected that nearly half of the US population
will have some form of CVD, with an associated annual cost of $1.1
trillion (CVD, 2017). Medical imaging is the primary technology for
CVD diagnosis and surgical planning. However, imaging on its own
provides no predictive capability and limited functional information.
Image-based computational fluid dynamics (CFD) (Taylor and Stein-
man, 2010), the modeling standard to study patient-specific blood flow
features in the cardiovascular system, can augment imaging to uncover
functional indicators of CVD not revealed through imaging (Taylor
et al., 2013; Itu et al., 2013; Arzani and Shadden, 2012; Joly et al.,
2018). Moreover, computational modeling provides the ability to vir-
tually test interventions or devices (LaDisa et al., 2003; Sankaran
et al., 2012; Bianchi et al., 2018). Despite this upside, patient-specific
simulations remain computationally expensive and challenging, and
therefore their use in the clinic is limited. These limitations have
also been prohibitive in research applications requiring parametric
analyses such as uncertainty quantification (Fleeter et al., 2020), data
assimilation (Wang et al., 2019), optimization (Marsden, 2014), param-
eter tuning (Tran et al., 2017), etc. As such, we recently developed
a distributed lumped parameter (DLP) framework (Mirramezani and
Shadden, 2020), which can compute blood flow and pressure dynamics
with substantially reduced computational cost and complexity, but with
increased accuracy compared to the existing reduced order models
(ROMs) (Toy et al., 1985; Hughes and Lubliner, 1973; Ghigo et al.,,
2017). This was achieved by proposing a generalized ODE as a “lumped
parameter representation” of the governing equation of fluid mechanics
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in a vessel segment. This ODE can be solved for several elements
within each segment of a vascular network to provide a “distributed"
understanding of flow and pressure in the network, compared to other
lumped parameter (LP) frameworks for which flow and pressure are
only computed at vessel junctions and outlets (Chnafa et al., 2017).
Another essential aspect of the DLP modeling is that various sources
of energy dissipation of blood flow are taken into account to more
accurately estimate hydraulic resistance of blood flow by developing
analytical expressions based on fundamental fluid flow principles.
DLP modeling provides close predictions for integrated quantities
such as pressure drop and flow distribution compared to benchmark
CFD simulations at approximately 1/1000 of the computational cost,
even in scenarios of complex 3D flow (Mirramezani and Shadden,
2020). However, the DLP framework in Mirramezani and Shadden
(2020) does not consider the effects of vessel wall “deformability”.
Previous studies showed that computed flow and pressure waveforms
are discernibly different between rigid and deformable wall assump-
tions in blood flow modeling (Figueroa et al., 2006). Therefore, phe-
nomenon such as wave propagation, which are known to be important
to physiology and diagnostics, are not accessible by such a framework.
Traditionally, the 1D Navier-Stokes (NS) equation (Hughes and
Lubliner, 1973) is the conventional reduced order model (ROM) to
study hemodynamics, and particularly wave propagation, in compliant
vascular networks. However 1D NS models are prone to numerical in-
stability especially for extensive arterial networks (Miiller et al., 2016),
and are inaccurate for complex flow applications such as vascular
stenosis (Mirramezani et al.,, 2018). Alternatively, detailed analysis
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of hemodynamics in compliant arteries can be studied by 3D fluid-
structure interaction (FSI) simulations (Figueroa et al., 2006; Bazilevs
et al., 2009, 2010), but this approach is far more computationally
expensive, and this extra cost and complexity is questionable when
local intricacies of the flow field do not need to be explicitly known.

Here we develop a computationally efficient method for studying
flow and pressure distribution in “deformable" vascular networks by
extending the DLP framework presented in Mirramezani and Shadden
(2020). In addition to leveraging the modified resistance value in
Mirramezani and Shadden (2020), we also propose a compliance term
that considers the variation of geometric and material properties of
vasculature segments. Specifically this framework is meant to handle
complex vascular geometries typical to image-based modeling, where
1D NS models generally provide poor predictions and computationally
expensive 3D FSI modeling is therefore typically employed. The results
of the proposed method are compared against 1D NS and 3D FSI
blood flow modeling for several idealized and image-based vascular
models. To the best of our knowledge, this is one of the most com-
prehensive comparisons of LP and 1D NS modeling to image-based FSI
simulations spanning a wide range of healthy, diseased, idealized and
patient-specific cardiovascular anatomies with varied geometric and
hemodynamic features.

2. Methods

The coupled-momentum method (Figueroa et al., 2006) imple-
mented in SimVascular (Updegrove et al., 2017) was used to model 3D
FSI problems. Blood flow was modeled as an incompressible Newtonian
fluid with density p coupled with the arterial wall that is treated as a
thin membrane with linear elastic material properties and density p;.
The governing equations for the fluid and solid domains are

p(Vy+V-VV)=-Vp+ V-7, in Qf
V.v=0 in @/ @
v=v, on X

psVey—V-0,=0 in XXxh

(2
6,-ng=(-pl+77)-n;, on 2,

where Q/ denotes the fluid domain, X is the fluid-wall interface, n,
is the outward normal at X, and 4 is the vessel wall thickness. v and
v, are the fluid and solid velocities, respectively, and p is the fluid
pressure. 7, is the viscous stress tensor of a Newtonian fluid, and o,
is the membrane stress tensor. A stabilized finite element solver with
generalized alpha time-stepping scheme in SimVascular was used to
solve for blood flow velocity and pressure, and vessel wall deformation.
The “1D” equations representing conservation of mass and balance
of momentum for blood flow in a deformable vessel can be expressed

as (Sherwin et al., 2003; Mili$i¢ and Quarteroni, 2004)
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where x is the axial coordinate and ¢ is the time. Q(x, ¢) is the volumetric
flow rate, A(x,r) is the cross sectional area of the vessel, P(x,?) is
the cross sectionally averaged pressure, and K, is the viscous friction
factor. The following pressure-area relationship was used to complete
the system of equations for three unknowns 4, Q, and P:

Pe0 = 2 (A~ VA,
d

E is the vessel wall Young’s modulus, and A, is the diastolic cross

sectional area. Using Eq. (5), one has
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An in-house finite volume solver verified in Mirramezani et al. (2018)
was used to solve the above system of equations for the 1D NS equa-
tions.

By neglecting the nonlinear convective term in Eq. (4), and then
integrating the resulting equations in the x direction we can derive
an LP representation of the governing equations for blood flow in a
deformable vessel as

L
</ 2Ad(x)\/A(x > +0,-0,=0 )
o B
L
p dQ
L yRO+P-P =
(/0 A(x)d> +RO+ 0, (8)

where Q, and P, are flow and pressure at the outlet of each vascular
segment while Q; and P, are the values at the inlet. P= % fOL P(x,t)dx
and O = % /OL O(x,t)dx are the mean pressure and flow rate in each
vascular segment, respectively. Here, in order to close the governing
equations we assume P ~ P, and O ~ Q, (Miligi¢ and Quarteroni,
2004). Egs. (7) and (8) are analogous to the RLC electrical circuit
network, in which

C:/LM VA | L:/Lde
0 B(x) 0o A(x)
As vessel stiffness increases, f approaches to a high value and conse-
quently compliance C goes to zero. Taking the rigid wall limit, f —
o0, results in equations identical to Egs. (1) and (2) in Mirramezani
and Shadden (2020). As in Mirramezani and Shadden (2020), the
generalized resistance R is obtained by considering various sources of
energy dissipation:
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where y and ¢ are curvature and unsteadiness effects, respectively. K, =
1.52 is an empirical correction factor to account for losses at a sudden
expansion with minimum A; and nominal A, cross sectional areas. 4;
and y; defines flow and area splits, respectively, and ¢; = 3(z — 6,)/4
with 6, is the angle between a datum supplier and a child branch at
the bifurcation.

In terms of numerical implementation, we have developed a fully
automated framework implemented in Python whose input is a (pos-
sibly image-based) vascular network geometry and whose output is
a distributed representation of blood flow and pressure computed
throughout the geometry. Namely, this framework automatically dis-
cretizes each vascular segment to several elements and computes all
derived geometric parameters used in the equations above. Egs. (7)
and (8) with appropriate boundary and interface conditions (see Re-
sults for examples) are solved in the discretized spatial domain using
an implicit Euler time-stepping scheme, which was found to achieve
similar accuracy as RK4 with significantly reduced computational cost.
The overall DLP modeling workflow is shown in Fig. 1 for an idealized
aortic bifurcation model.

3. Results

Here we evaluate the utility of the proposed extended DLP mod-
eling and 1D NS equations against the described (benchmark) 3D
FSI modeling in various cardiovascular applications. The same bound-
ary conditions, and mechanical and geometrical properties were used
for all three approaches to ensure consistent comparisons. Boundary
conditions and material properties for idealized cases are given in
Tables 1 and 2. For all image-based models, unknown parameters were
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1. extract geometric features

2. construct LP models and solve equations
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3. postprocess simulation results

x: local coordinate

R(x): radius as a function of x

a(x): vessel curvature as a function of x
1: length of each vessel segment

0;: angle between a parent and a child branch

-
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Fig. 1. The modeling steps of the automated DLP framework implemented in Python to compute blood flow and pressure in vasculature networks with deformable vessel

walls.
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Fig. 2. Pressure and velocity fields in idealized models of a healthy and a stenosed carotid artery during peak systole,

computed from DLP, 1D NS, and 3D FSI modeling (error values in plot labels).

estimated from known physiological approximations as described next.
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wave velocity ¢ was approximated from the empirical relationship ¢ =
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Fig. 3. Pressure and velocity fields in idealized models of a healthy and an aneurysmal aortic bifurcation during peak systole, and flow rate, pressure, and pressure drop waveforms

computed from DLP, 1D NS, and 3D FSI modeling (error values in plot labels).

where £ is chosen to be 10% of the average r, in each vascular segment.
Parameters of three-element Windkessel outflow boundary conditions
were calculated by following the procedure described in Xiao et al.
(2014). Namely, a total resistance R, was obtained from mean blood
pressure P, and total inlet flow rate Q,,, i.e., R, = P,/Q;, The
total resistance was distributed between terminal outlets using the
principle of flow regulation of vessel size (Kamiya and Togawa, 1980),
R, = R,(Zj’\; 1 A;/A;) for N outlets. Each individual outlet resistance
R; has a proximal component Rf and a distal component R¢, where
R = pc;/(A,); to minimize the magnitude of the reflected wave at
each outlet. The compliance for each outlet was determined by C; =
Cy(R,/ R;’ ), where C, is the total arterial peripheral compliance that
is calculated from C, = C, — ij\il((Ad)jlj)/(pc/?), for M vessels in
the network each of which has length /;. The total compliance was
computed as C, = 7/R, with time constant r = 1.79 s (Simon et al.,
1979).

Inlet and outlet pressure and volumetric flow rate data calculated
from the extended DLP model and the 1D NS equations were compared
with the corresponding data from the 3D FSI simulations using the
relative error metrics (Alastruey et al., 2011):

:_Z P3D ’ :_Z

Ajl j=1

PROM P3D QROM 3D

I

“max,(Q3P) | a2

where number of time points N, is chosen to be at least 200 over
the last cardiac cycle that all simulations achieved a periodic solution.
These error values appear in the graph labels in Figs. 2-7. We note that
the flow error is normalized by maximum values from 3D modeling
in a cardiac cycle to avoid division by small values close to zero.

Mesh independence analysis were performed for all the cases to ensure
simulation results from DLP, 1D NS, and 3D FSI modeling were not
affected by insufficient mesh resolution. Blood density p = 1060 kg m—3
and viscosity 4 = 4 mPa s were assumed common among all models.

3.1. Idealized carotid artery

We considered an idealized vessel with uniform wall properties
and geometry representative of a common carotid artery coupled to
a three-element Windkessel model with values given in Table 1. A
pulsatile flow waveform from Xiao et al. (2014) with a parabolic
velocity profile is imposed at the inlet of the model. Fig. 2 (top panel)
indicates flow rate, pressure, and pressure drop waveforms predicted
from three different modeling approaches. The results from DLP and
1D NS modeling are in strong agreement with 3D FSI simulations where
maximum average errors in flow and pressure are less than 0.5%. We
alternatively studied the accuracy of these approaches in a diseased
carotid artery with ~60% diameter reduction stenosis, which is within
the range of a critical stenosis. Fig. 2 (bottom panel) shows that the 1D
NS model is significantly inaccurate in predicting pressure waveform at
the inlet (with ~9% average error) and pressure drop waveform (with
~30% average error). However, average errors in pressure and pressure
drop from DLP modeling are less than 1% and 2%, respectively.

3.2. Idealized aortic bifurcation

An aortic bifurcation model representing the abdominal aorta and
iliac arteries is presented here as an idealized model with complex
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Fig. 4. Pressure and velocity fields of a patient-specific aorta-femoral model, and flow rate and pressure waveforms computed from DLP, 1D NS, and 3D FSI modeling at
representative outlets (error values in plot labels).
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Fig. 5. Pressure and velocity fields of a patient-specific aortic model with mild coarctation, and flow rate and pressure waveforms computed from DLP, 1D NS, and 3D FSI

modeling at representative outlets (error values in plot labels).

Table 1 Table 2

Model parameters of an idealized common carotid artery from Xiao et al. (2014). Model parameters of an idealized aortic bifurcation from Xiao et al. (2014).
Property Value Property Aorta Iliac
Length, L 126 mm Length, L 86 mm 85 mm
Radius at diastolic pressure, r, 3 mm Radius at diastolic pressure, r, 8.6 mm 6.0 mm
Wall thickness, h 0.3 mm Wall thickness, h 1.032 mm 0.72 mm
Young’s modulus, E 700 kPa Young’s modulus, E 500 kPa 700 kPa
Diastolic pressure, P, 10.933 kPa Diastolic pressure, P, 9.5 kPa 9.5 kPa

2.4875 10°® Pa s m™3
1.7529 1071 m? Pa~!
1.8697 10° Pa s m™3

Windkessel resistance, R,
Windkessel compliance, C
Windkessel resistance, R,

6.8123 107 Pa s m™3
3.6664 1071° m? pa~!
3.1013 10° Pa s m™3

Windkessel resistance, R, -
Windkessel compliance, C -
Windkessel resistance, R, -

flow features at a junction. Geometrical and mechanical parameters
are listed in Table 2. A similar model with an iliac aneurysm of ~90%
dilation in radius was also considered. Fig. 3 (top panel) shows that
both DLP and 1D NS modeling are reasonably accurate in computing
flow and pressure dynamics for the non-aneurysmal idealized aortic
bifurcation model as compared to 3D FSI, where average errors for
flow and pressure are less than 1%. Furthermore, and in contrast to the
stenotic carotid case presented above, both DLP and 1D NS had almost
similar (relatively small, less than 2%) error in computing pressure and
flow for the iliac aneurysm case.

3.3. Aortofemoral model

We considered a non-diseased aorta-femoral model with significant
spatial extent starting from the ascending aorta to the femoral arteries.
A typical aortic flow waveform, adopted to match a mean cardiac
output of 4.6 L/min for a female, was imposed at the inlet of the

model (Fig. 4(a)). Three-element RCR Windkessel models are coupled
at the outlet based on the method described above. The spatially
varying wall thickness and elasticity calculated from the procedure
described in Section 3 are shown in Fig. 4. The model has complex
flow patterns with a wide range of Reynolds number (~3000 — ~700)
and Womersley number (~13 —~4). Fig. 4 plots temporal flow rate and
pressure waveforms from DLP, 1D NS, and 3D FSI simulations at several
locations of the model. The results from ROMs are in strong agreement
with FSI modeling. The maximum average error from DLP modeling
and 1D NS method are 0.76% and 1.76%, respectively.

3.4. Aortic model

We considered a model of the ascending aorta to the location in the
descending aorta just above the diaphragm with a mild coarctation,
which is one of the more common congenital cardiovascular defects.
An ascending aorta phase-contrast MRI waveform with a period of
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Fig. 6. Pressure and velocity fields of a patient-specific cerebrovascular model, and flow rate and pressure waveforms computed from DLP, 1D NS, and 3D FSI modeling at

representative outlets (error values in plot labels).

T = 0.7 s was prescribed to the inlet of the computational models, and
RCR lumped parameter models were applied at the outlets. Regional
mesh refinement was used at the aortic coarctation location in 1D NS
and 3D FSI modeling. Fig. 5 illustrates that flow rate and pressure
waveforms predicted from 1D NS equations deviate significantly from
the 3D FSI results, especially at the inlet and the outlet downstream of
the stenotic region with a maximum error of ~10% for inlet pressure.
However, the DLP model produces consistently accurate results even
in cases of complex flow features, where average error values are less
than 1% for computed flow rate and pressure in the model.

3.5. Cerebrovascular model

Here we evaluate the ROM performance for computing hemody-
namics in a patient-specific cerebrovascular model with sharp curvature
and complex converging and diverging flows at several junctions. A
characteristic vertebral flow waveform shown in Fig. 6(a) is employed
at the two inlets vertebral arteries. RCR boundary conditions were
used at the outlets. The DLP modeling predictions of hemodynamics
remain consistent to 3D FSI modeling with a maximum average error
less than 0.5% for flow and pressure at representative outlets in Fig. 6.
The results of 1D NS modeling are also in good agreement with 3D
modeling, with maximum error of 1.13%.

3.6. Coronary model
We considered an image-based model of the aortic root and coro-

nary arteries with a severe stenosis in the first diagonal branch. Coro-
nary blood flow modeling is one of the more complex cardiovascular

flow simulations because it is significantly affected by physiology of
the heart, which is captured by appropriate boundary conditions. A
characteristic aortic flow was prescribed at the root of the aorta and
an RCR network was coupled at the aortic outlet. Coronary-specific
LP models are coupled at the outlets to consider the influence of in-
tramyocardial pressure on coronary flow (Kim et al., 2010). A detailed
description of calculating and tuning of boundary condition parameters
is given in Sankaran et al. (2012). Fig. 7 compares flow rate and
pressure waveforms computed from ROMs and FSI simulations. The
results from DLP method are in strong agreement with FSI modeling
even at locations b and ¢ downstream of the sever stenosis with ~6%
and ~4% average error in pressure, respectively. However, the 1D NS
modeling cannot accurately capture pressure and flow rate waveforms
in locations affected even by a mild stenosis i.e., location a. The error
values from 1D modeling increases to more than 20% in locations of
severe stenosis.

4. Discussion

We extended the application of our previous ROM technique (Mir-
ramezani and Shadden, 2020) to compute integrated hemodynam-
ics quantities in vascular models with compliant walls. Recently Pe-
wowaruk and Roldan-Alzate (Pewowaruk and Roldan-Alzate, 2021)
developed a DLP-FSI framework based on Mirramezani and Shadden
(2020) to include vessel distensibility in reduced order blood flow
modeling. Their framework showed good agreement with analytical so-
lutions of flow, experimental observations, and in vivo measurements.
They utilized linear interpolation functions to approximate pressure
variation over a vessel based on inlet and outlet pressure values.
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Fig. 7. Pressure and velocity fields of a patient-specific coronary model, and flow rate and pressure waveforms computed from DLP, 1D NS, and 3D FSI modeling at representative

outlets (error values in plot labels).

Alternatively, our framework computes inter-vessel pressure values by
discretizing each vascular segment to several elements. In addition
to this difference among others in methodology, here we focused on
comparison of our extended DLP model with other existing numerical
solutions of blood flow in vasculature networks with deformable walls.
We compared the ability of the proposed DLP model to predict flow rate
and pressure waveforms against the long-established 1D NS equations
and 3D FSI modeling. Our method provided consistent prediction with
3D time-dependant FSI simulations, and outperformed the 1D NS mod-
eling for several cases with complex flow dynamics such as in stenotic
arteries i.e., Section 3.1, Section 3.4, and Section 3.6. This is mainly
because energy losses at sudden expansions are not captured in the 1D
NS formulation. Our automated framework generally requires 1-order
and 3-orders of magnitude less computational cost of 1D NS and 3D
FSI simulations, respectively. On a single CPU core, it took 565 + 22 s
to complete 10 cardiac cycles for image-based models, with ~40% of
computational cost for solving the governing equations (steps 2 and 3
in Fig. 1) and the rest for extracting geometric features as inputs for
the solver (step 1 in Fig. 1).

Given the relative accuracy, numerical stability, computational ef-
ficiency, and ease of implementation of the extended DLP approach, it
could potentially replace the widely-used 1D NS blood flow modeling
in several applications. We showed that the 1D NS equations are signif-
icantly unreliable in predicting transstenotic pressure drops stemming
from energy losses at sudden expansions (i.e., Section 3.1, Section 3.4,
and Section 3.6), which are not captured in the 1D NS formulation.
Moreover, in case of stenoses, our in-house 1D solvers experienced sta-
bility difficulties that required extremely fine discretization in time and
space, which resulted in a remarkable increase of computational effort.
We observed this issue in 1D NS modeling using different numerical

schemes such as our in-house finite volume solver (Mirramezani et al.,
2018) and finite element method (Wan et al., 2002) implemented in
https://github.com/SimVascular/svOneDSolver. Previous studies have
tried to fix these challenges by coupling the 1D NS equations with
LP models to capture pressure losses at sudden expansions (Strocchi
et al., 2017). But this approach is problematic for a couple of reasons:
First, the coupling procedure is challenging and requires special con-
siderations, making its implementation difficult. Second, the LP model
is only used in place of severe stenosis, however, accumulation of
pressure drops stemming from mild and moderate stenoses can result
in significant changes of flow and pressure distribution in vasculature
networks or arteries with diffuse disease.

Previous studies showed accuracy of our prior DLP modeling in
several clinical applications such as evaluating the hemodynamic sig-
nificance of peripheral vascular lesions (Mirramezani et al., 2021),
estimating pulmonary artery stenoses pressure drops (Pewowaruk et al.,
2021a), predicting outcomes of catheter intervention for branch pul-
monary stenoses (Pewowaruk et al., 2021b), and measuring flow distri-
butions in the aorta (Pewowaruk and Roldan-Alzate, 2021). However,
there are several other functional indicators of cardiovascular dis-
ease that are related to blood vessel wall deformability. For example,
changes in blood flow waveform pattern from triphasic to bi/mono-
phasic in peripheral arteries and cerebrovascular arteries indicate the
existence of diseases such as stenoses. The proposed extended DLP
model can thus be potentially used as a rapid noninvasive tool to study
hemodynamic waveforms and their relation to diseases. Moreover, in
other applications that require a fully-resolved 3D FSI modeling such as
for computing wall shear stress distribution, the extended DLP method
can be used for quick initial parameter tuning of 3D simulation to
reduce the number of required 3D simulations before achieving the
target simulation.


https://github.com/SimVascular/svOneDSolver
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