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In this work, a lumped-parameter Windkessel model of the cardiovascular system that simulates

Abstract

biomec parameters of the human physiology is presented. The object-oriented platform
provided by th TLAB-based modeling environment SIMSCAPE is employed to compute blood
pressur in each heart chamber and at various sites of the vascular tree. The hydraulic
domain allows determination of cardiovascular hemodynamics intuitively from geometrical and
mechanical properties of the system, while custom elements model the pumping action of the heart
and the eﬂhspiration on blood flow. The model is validated by comparing predicted
hemodyna uith normal physiology during both systole and diastole, demonstrating that

changes in pressures with breathing are consistent with reported physiological effects of
cardiorespira oupling. The capabilities of this platform are explored through two exemplary
case studi sure-overload heart failure due to aortic constriction, validated in vitro and via

finite elem@&pt analysis, and (ii) single-ventricle Fontan physiology, validated in vitro and compared
with the clipical litgrature. This platform provides a practical tool for calculation of cardiovascular
hemodyM hydraulic parameters, enabling intuitive creation of in silico representations of

complex ci loops, planning and optimization of medical interventions, and prediction of
clinically relevant gatient-specific hemodynamics.
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1. Introduction

The caMular system is a complex network of interdependent elements,

whose &unction is to transport oxygen and essential nutrients to

I I
tissues ! the body. Computational cardiovascular modeling has enabled

better cdmprehension of key physiological mechanisms, improved diagnosis

G

of cardwlar diseases, and supported development of treatment
strategi&j his approach offers numerous advantages over both in vitro
and in vi hniques, as it is highly repeatable, cost-effective and non-

invasive.

Due t plex characteristics of the cardiovascular system, analyzing
pressur s, and volumes over a range of physiological and pathological
states constitutes a significant challenge. A broad spectrum of in silico

simulatio ve been proposed to represent the boundary conditions of the

cardiova network, including high- and low-dimensional models. High-

dimer&uodels utilize the finite element approach to provide a

. sevrwt

compre , multi-scale, and multi-physics description of spatiotemporal
hemody as well as of the fluid-structure interactions between the
vascu{nd the blood flow in the 2- or 3-D domain.>® However, their
implementation necessitates knowledge of several geometrical, mechanical,
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and hemodynamic parameters, resulting in elevated computational
complWich typically limits their application to specific vascular sites
and maI&suboptimal in modeling the entire vascular tree. Conversely,
low-dimBASTeal models use analytical methods to capture the global
propertiU the cardiovascular network and are remarkably less

computmy intensive rendering them more suitable for hemodynamic
n

simuIatitf f f larger portions of the cardiovascular system.m

Among | ensional in silico simulations are lumped-parameter or 0-D

models, wi e Windkessel representation being the most widely known."
Based omlectrical circuit analogy (Ohm’s Law), in its simplest form, this
consists oEvoltage or current source, and of one resistive and one
capacitive elements connected in parallel, which correspond to the vascular
resistanh compliance respectively. This two-parameter Windkessel
descript@ften expanded into a three-parameter model to include an
inductivEnent connected in series with the resisto-capacitive unit to
accouiHh-frequency effects, thus enhance model accuracy.””® Finally,
integratiDthese blocks into more complex configurations gives rise to

multi rtment models, which allow the represention of the entire

vascular network."" In the vast majority of these descriptions, each heart
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chamber is modeled by an idealized voltage source in series with a time-
variant Iagac" ance, effectively representing the cardiac pressure-volume

relation @ each heartbeat.™*

P

I I
Within Se cardiovascular realm, multi-compartment lumped-parameter

models flave Served to evaluate several variables in both physiological and

disease w including cardiac outpu

G

t,[15] [16]

central aortic pressure,”” and
total pe | resistance.™™ Furthermore, variations of these models have
been imﬁwted to simulate the coronary circulation,”™® congenital heart
defects, microgravity effects on cardiovascular function,’” and medical
devices mrt failure!®2* or other conditions.?*?”! However, current 0-D
descriptio main decoupled from the geometrical and mechanical
behavior of the network they represent, and are therefore often replaced by,

or integlhlith, hydraulic benchtop systems or mock circulatory loops for

experim @ udies and device testing. These consist of a pulsatile pump,

tubesﬂnpliance chambers, and are commonly used in cardiovascular
researwto their versatility and low cost.”®>* Nevertheless, these
systemszmited to simplified representations of the cardiovascular
netw building an in vitro model of the entire vascular tree remains

challenging.?*
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Despite the ability to capture the general shape of pressure waveforms with
low anal demand, the clinical applicability of lumped-parameter
represes improved when these models can reproduce patient-
specifit EF@idvascular flow conditions >3 this emphasizing the need for
patient-w models, which are clinically relevant, yet do not necessitate
invasive urements.®® This specificity is extremely challenging in the
context mtrical-based Windkessel models, as they require pressure and
flow m;nents to estimate the values of their constituting resistive,
capacitiCd inductive elements. Although emerging technologies
includin@ow MRI have shown promise in obviating this problem, the

assoc osts significantly limit their application.®

Object-oriented 0-D models in the hydraulic domain have the potential to
bridge hp between electrical analog representations that lack

geomet @ d mechanical effects, and the practical simplifications required

to bu@ loop in vitro.®? Analytical solutions that couple simplified
Naviefﬁequations with the traditional elements of the Windkessel
model I’Eeen recently formulated and validated.?**® These studies
sugge , in addition to enabling intuitive in silico representations of in

vitro models of various complexities, where the physical properties of the
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components are known, hydraulic analog models could reduce the
invasiveless 'f the procedures required for the formulation of patient-

specific arameter models. Therefore, they offer several potential

benefits ¥6"€liffical practice and cardiovascular biomechanics research.

In this v«@e propose an object-oriented lumped-parameter model of the
cardiov%network in the hydraulic domain, where hemodynamics are
primarilBed by the geometrical and mechanical characteristics of the
human iglogy. We adopt the object-oriented platform provided by the
MATLAgmodeling environment SIMSCAPE, and utilize the Hydraulic
library, mwe expand to mimic cardiac contraction and the effects of
respiration blood flow. General cardiovascular hemodynamics are then
presented as a general validation of the proposed model. The capabilities of
the morL further investigated through hemodynamic analysis of two
disparat@ally-relevant scenarios, namely (i) pressure-overload heart
failurﬂortic constriction, validated both experimentally and via finite
eIemeWsis (FEA), and (ii) the Fontan circulation in patients with
surgicallmcted hypoplastic left heart syndrome, analogously validated in

vitro pared with findings from a recent clinical study.
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2. Simulation approach

2.1. SIIHenvironment

Object- odeling allows to create in silico representations of a
I I

system Lssembling domain-specific physical components into a

network@e proposed hydraulic model of the cardiovascular system was

built on

o

ATLAB-based SIMSCAPE environment, which uses the default

i

ODE 23t impligit solver. This platform has been previously used to simulate

WindkegSel models of various complexities as equivalent electrical circuits."

N

Howeve s never explored in the hydraulic domain, which may offer

d

sever ages when the geometrical and material properties of the

system epresented are known.

r e

ents used

N

Thé@components of the default SIMSCAPE Hydraulic library alone are sufficient to recreate a

g

simple repgesentation the cardiovascular system. However, these elements do not allow modeling of

t

cardiac co using the time-varying elastance description most commonly adopted in the

U

literature.! rthermore, the standard library does not account for important physiological

pheno uding the effects of respiration on blood pressures and flows. For this reason, we

A

developed the rdiovascular library to introduce a custom variable-compliance compliance
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chamber element. The main blocks utilized in this simulation are represented in Figure 1a and

described below.

{

Hy jpeline: This is a composite element, which accounts for frictional pressure losses
as well as nce and fluid compressibility. The pressure loss of the pipeline is calculated
I I

under steag@ly-state momentum and fully-developed conditions by the Darcy-Weisbach law in

Equation

L+Leq p

PL=f— 5.z4l4l (1)

SC

where f isfthe friction factor, which depends on the flow regime, L is the pipe length, L,

Ul

represents egate equivalent length of local resistances due to bends, inlet, or outlet losses,

1

D is the hy ameter of the pipe, A is the cross-sectional area, p is the fluid density, and q the

volumetricfflo e through the tube, which is positive when the pressure at the inlet is greater

d

than th tlet. Wall compliance must be provided as an input parameter K, indicated as a

change in the nternal diameter d per unit pressure change P. The relationship between these

variables can be expressed in the Laplace domain in Equation 2:
d(s) = =2 P 2
(s) ==& P(s) (2)

wh

or

the time constant which captures the time-dependent response of viscoelastic

materials @hd s is the Laplace operator. The order of magnitude of K, was estimated from the

g

pipeline nd the corresponding compliance values in the lumped-parameter literature (see

{

Suppleme rmation). Finally, fluid compressibility is calculated from the bulk modulus of the

U

medium. Despite_khaving a negligible effect on cardiovascular hemodynamics, in this simulation, a

value fo Ik modulus must be provided to satisfy the equations in the hydraulic domain.
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Constant volume hydraulic chamber: This element captures the same effects due to wall

compliance (Equation 2) without taking into account frictional losses.

Vay pliance compliance chamber: Based on the constant volume hydraulic chamber

element, t lock takes wall compliance values K, as a time-dependent input signal. This
I I

element therefore introduced as part of the Cardiovascular library to simulate contractility of

each of th@art chambers. A simple approximation of the well-known time-varying elastance

models was used.to define ventricular compliance,*™*

while atrial compliance was computed from
the existin ental literature® (Figure S1). Furthermore, this element enabled modeling of

the compliance offthe vascular bed in the abdominal and pulmonary cavities as they vary during the

[46,47]

breathing c
Linear ulic resistance: This is to define an overall hydraulic resistance at a given site of
the netwo does not depend upon the geometrical or mechanical characteristics of the

e pressure loss computed by this block is directly proportional to the flow rate,
being the proportionality constant. This is analogous to the resistors used in the

electrical-domain Windkessel model, and it enables modeling of the resistance to flow when

geometrichtion is not available.

Ce@pump: Supplies energy to the hydraulic network. This block is connected to a
hydraulic rSerence and receives the rotational speed of the driving shaft as an input. This is defined

by the userio gen"ate the desired input pressure to the system.

Che@: This is a type of valve which allows flow in one direction only. When time-
dependent eff re neglected, the valve opens linearly to the maximum opening area. First-order
openin(ould be modeled if a time constant is defined. In the electrical domain, these
elements correspond to diodes, preventing backflow from the great arteries into the ventricles, and

This article is protected by copyright. All rights reserved.
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from the ventricles into the atria.[**>3 Conversely, elimination of this valve could be used to model

several pathological conditions, including valvular insufficiency or regurgitation.

{

Vay ea hydraulic orifice: This valve permits to model the pressure drop across an

orifice of c | area, that is defined as an input signal to the block. The flow rate q through

|
the orifice ¥8 directly proportional to the flow discharge coefficiend Cy and the cross-sectional area A,

and depends upofithe fluid density p, the pressure drop p, and the critical pressure p. at which the

laminar-to-tyr nt regime transition occurs (Equation 3):

q=CphA |2 —2— (3)
P (pz+pgr)z

nus

raulic fluid: Fluid properties including density, kinematic viscosity, and bulk

modulus can'be'd€fined using this block. This block provides an additional advantage over traditional

!

electrical an dels by enabling tuning of the properties of blood, and therefore simulations of

i

cardiov odynamics resulting from blood disorders such as hyperviscosity syndrome - a

common sgquela of hematologic malignancies. Moreover, by allowing changes of the mechanical

f

properties of medium, our platform is particularly suited for modeling mock circulatory loops,

often ado ia with various densities and viscosities.

O

Furgher details about these elements can be found in the Supporting Information.

h

Aut
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2.2. Full heart model

The fw model proposed in this work is composed of a geometric

approxir@ each cardiac chamber as well as a hybrid description of the

I I
systemic!and pulmonary circulations, constituting a combination of linear

resistan¢es anfl geometric elements.

G

Each cawwmber, namely left and right ventricles and left and right
atria, consistsiaf a hydraulic pipeline modeling the resistance to flow, and of

a variahle-compliance compliance chamber simulating the contractile and

relaxati acteristics of the heart. Each chamber is approximated to a
cylindri e of fixed length and variable diameter, that is defined by its
relationshi ith pressure and compliance in Equation 2. Heart valves,

including the aortic, pulmonary, mitral, and tricuspid valves are located at

their res ive anatomical sites and modeled via a variable-area orifice,

connecte eries with a unidirectional check valve to prevent backflow. In

additiﬁse elements, the left ventricle incorporates a centrifugal pump

that de e pulsatile pressure supplied to the network, as well as a
custom lic fluid block defining the mechanical properties of the fluid,
i.e. bl

This article is protected by copyright. All rights reserved.
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An illustration of the network is depicted in Figure 1b, while the simulation
schema* is ’wwn in Figure 1c. The systemic circulation begins with the
aorta, @ivided into ascending, descending, and thoracic segments,
with the"#PPer body circulation stemming from the intersection between the
two pro@sections, and the abdominal and lower body vasculatures
originating impparallel, both distal to the thoracic aorta. The abdominal and
lower bmmpartments rejoin at the abdominal portion of the inferior
vena ca: thoracic vena cava terminates into the right atrium, in liaison
with thGior vena cava arising from the upper body circulation. The
pulmonmulation completes the loop linking the right ventricle to the

left a

In this representation, the majority of the elements are defined by their
geometrh mechanical properties: each heart chamber, the aorta, the
puImon@ery, and the superior and inferior venae cavae are all
charackﬂby values of length and initial diameter reported in the
Iiteratwlell as by their compliance and other mechanical properties,
includinme roughness and viscoelastic time constant, which have been
estim n addition, each heart valve is associated with their respective

orifice area. Other portions of the upper, abdominal, lower, and abdominal

This article is protected by copyright. All rights reserved.
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compartments are modeled using a combination of two linear hydraulic
resistivelelewnts and one compliance chamber. Similar to the resistors of
the eIecdkesseI model, the resistive elements are entirely defined
by a CoAStaWt representing the resistance to flow, and thus require no
geometrigal a@gr mechanical information. For each compartment, two
elementmel the arterial and venous resistances, as previously described
in the literature.”” Furthermore, there is a compliance chamber between
each pai;draulic resistors. The geometry of each of these chambers was

caIcuIatG'u reported values of the blood volume, and their compliance

was est The main input parameters of the proposed simulation are

sumnETable 1, while a more comprehensive set of parameters can
be fo i le S1.

L

3. Result

3.1 Full'he nemodynamics

:

Our results démonstrate the ability of the proposed model to recapitulate
physiqmodynamics (Table 2). The pressure-volume (PV) relationships
relative to each cardiac chamber closely mimic those observed in normal
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physiology.[54] The pressure and volume waveforms, as well as the PV loops
for the I#t an' right ventricles and for the left atrium are illustrated in Figure

2. Q_

I I
As anticSated, the systolic pressure in the left heart largely exceeds that

generatéd byJthe right ventricle (Figure 2a). Furthermore, unlike the left

e

ventricum loop, which is characterized by prominent isovolumetric
contractj relaxation phases, the right ventricular PV loop exhibits a

more triﬁ shape (Figure 2b). This occurs as the right ventricular ejection
p

into the pulmonary artery commences at lower pressures and earlier into the
cardiac m)mpared to the left side of the heart. The stroke volume, i.e.
the differe etween the volume at end diastole and end systole, is similar
in the right as in the left ventricles, and within normal range. This is a key
hemodyh)arameter in that, together with the heart rate, it determines

the car tput, that is the amount of blood pumped though the

O

circuIatSy system every minute. Finally, the characteristic bump

correswto atrial contraction is observed along the left ventricular end-

diastolicmtionship prior to systole (Figure 2b).

Both t and right PV loops are distinguished by the presence of two

prominent peaks. The left atrial pressure and volume tracings and PV loop

This article is protected by copyright. All rights reserved.
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are shown in Figure 2c-d. The right atrial pressure and volume tracings and
PV IooE lan b' found in Figure S2. The atrial PV loop begins with a rapid and

almost | @ crease in pressure with volume, corresponding to the atrial

filling pHaSE™ Fhis transitions into the pressure and volume drops caused by
passive @ing, followed by a second peak in pressure due to atrial
contracticnmhich completes the loop. The right and left atrial PV loops are

very similar in shape, with lower pressures often being exhibited in the right

heart. :

The aorglc an; pulmonary pressures were also observed to evaluate the

accuracm model and are shown in Figure 2a. As predicted, the aortic

pressure cEy follows that of the left ventricle during systole and slowly

decays upon aortic valve closure during diastole. Similarly, the pulmonary
artery h closely follows that of the right ventricle during systole.

Howeve @ y dynamics are markedly different between the aorta and

pulmoniy artery, due to the lower pressure and the prolonged ejection

charadﬁf the right heart.

-
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3.1.3 Respiratory effects on arterial pressure

Heiodxn’ﬂcs changes due to breathing were modeled by replacing the compliance

chambers dominal and thoracic compartments with their time-varying analogous from the
Cardiovasc . Compliances were calculated based on the inverse proportionality between
I I

complianc%nd pressure (Equation 2). Therefore, compliance was set to increase during inspiration
and drop ing iration in the thoracic cavity, and vice versa in the abdominal space, as shown in
Figure 3a-b. Its are consistent with what has been observed physiologically.[54] Figure 3c

illustrates the systolic and diastolic arterial pressures decrease during inspiration as a

S

result of enhancedlvenous return and increase during expiration.

Ul

Theérability to include the effects of respiration on cardiovascular hemodynamics allows the

£

proposed pl to model medical conditions where the interdependency between the

a

cardiovascilar espiratory system plays a critical role. An example is that of patients with single

ventricl iology following the Fontan procedure, as described later.

M

3.2. Casm 1: Aortic Constriction

O

3.2 tion and model description

1

The a i main and largest artery of the body as it originates directly

from th and carries blood to the peripheral circulation. Alterations in

Ul

its geo or mechanical properties are known to affect local

hemo ics, ultimately driving disease, including plaque formation, aortic

A

aneurysm and dissection.”>*® Due to the mechanical and hemodynamic

This article is protected by copyright. All rights reserved.
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coupling with the left ventricle, a partially occluded, constricted, or stiffened

aorta c*ses pn increase in the force required for ejection, which may

uItimato heart failure. Clinically, the pressure difference between

the Ieft ¥eAtFitle and aorta in systole - the transaortic pressure gradient -

serves awication of disease severity.*”*!

To captm relationship between aortic constriction (AC) and transaortic

gradientgadapted our simulation by splitting the ascending aorta into
two seg : the more proximal, of length | = 2 cm, to mimic local
constrict;:rough a reduction in cross-sectional area and reduced
compliamd the more distal one that represents the remaining portion of

the vessel. aortic and left ventricular hemodynamics were calculated at

steady state for cross-sectional reductions of AC =45, 60, 80, 85, 90%.
ﬂ validation
A spp e ﬁw loop system was built to validate the in silico results on a benchtop (Figure S3).

A pulsatile ulsatile Blood Pump 55-3305, Harvard Apparatus) was employed to draw water

from a res a rate of 60 beats per minute (bpm) with a stroke volume of 79 mL, from the
compu@el. Two adjustable resisto-capacitive pairs, each consisting of a compliance
chamber and a stive valve, were connected in series to the pump, across a low modulus latex

This article is protected by copyright. All rights reserved.
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rubber tube (E = 1.4 MPa, di, = 3/4”, dou: = 7/8”, McMaster-Carr) similar to the ascending aorta in

both the geometry and tensile mechanical properties (E = 1.18 + 0.21 MPa)[59]. These pairs allow

t

P

control of iance and resistance of both the arterial and venous systems. They were adjusted to
replicate t systolic and diastolic aortic pressures obtained in silico, as measured using

| |
PASCO wireless pressure sensors across the mock vessel.

£

AC@MWas achieved using a simple electromechanical constriction device, illustrated in Figure

G

4a. This is composed of an Arduino-controlled non-captive stepper motor (Nema 11 0.75A Lead

S

2mm/0.07 , PPERONLINE) to gradually compress the aorta. A custom case was 3D-printed to

house the motor @nd provide a secure attachment to the wall of the mock aorta. We utilized a

Ui

circular nut diameter d = 2 cm to reproduce the length of the most proximal aortic segment

N

of the in el. A semi-rigid wireless endoscopic camera (1080P HD, 30 fps, NIDAGE) was

inserted t@ c images of the cross-sectional area at AC values similar to those of the

d

compu el and track changes, then post-processed using the MATLAB image processing

toolbox and d with the corresponding pressure readings. Images of the aorta at AC = 0%,

50%, and 85% are provided in Figure 4b.

alysis

or

Finlte element analysis (FEA) was employed to analyze the mechanical and hemodynamic

h

changes AC and validate our results. For this purpose, we utilized the four chamber FE

[

dynamic heart m@del (Living Heart Model — LHM) on Abaqus 2018 software (Simulia, Dassault

U

[60]

Company). odel was constructed from cardiac MRI data®", thus it provides an accurate

represe f the human anatomy. The LHM consists of multi-physics models of the electro-

A

mechanical cardiac response, structural deformations, and fluid cavity-based hemodynamics. In the
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first step, the electro-mechanical simulation analyzes the excitation and contraction characteristics
of the heart during the cardiac cycle. In a subsequent step, coupling of structural deformation with
the hemMnodel through the Abaqus/Explicit solver scheme allows simulation of the motion
dynamics function. The blood flow model was implemented using surface-based fluid
cavities.‘l’hs%xchange profiles were defined between the fluid cavities based on a 0-D lumped
parameter mod I with seven viscous resistances and three capacitive elements used to represent
the heart ms associated with compliance and flow dynamics. Further information on the
D

blood flow n be found in Figure S4.

AC was siMulated on FEA using a circular plate (d = 2 cm) attached to the shaft of a linear

actuator, a re 4c, and linear travel was applied to the contact plate of the end-effector.

Simulation n for six different values of AC similar to those employed above, and three full

cardiac cy simulated for each AC to achieve steady-state (Figure 4d). The total element

counto el was approximately 210,000 (linear tetrahedral elements).
ortic constriction results

Resylts from the simulation, in vitro validation, and FEA modeling demonstrate that AC leads

to an increasggin the left ventricular and a drop in the aortic pressures, effectively establishing a
gradient. L@al conditions, this result can be intuitively thought of as a direct application of
the contingy anE Bernoulli’s equations, which together describe the relationship between the

cross-secti*al ar.a of a pipe and the kinetic energy associated with flow alongside other

parametergse sites, the pressure changes are illustrated in Figure 4e under normal

conditions, igure 4f at AC = 85%, which shows a maximum, or systolic, transaortic pressure

oximately 6 mmHg. The pressure gradient was observed to follow an exponential

trend consistently across the in silico (R* = 0.8965), in vitro (R* = 0.9788 + 0.0027, N = 3), and FEA (R’
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= 0.8875) platforms, rapidly growing for constrictions of greater than 80% (Figure 4g). The
magnitude of the gradient obtained in silico is slightly lower than that calculated experimentally and
via FEA.TsHpancy could be due to the idealized hemodynamics of the lumped-parameter
model, wh tricted aorta preserves its original circular cross-section, as well as limitations
of the FEA —n§|:.)proac, including simplified resistance and compliance elements, boundary conditions,

and meshing.quality, as further outlined in the Discussion section below.

The left yentricular PV hemodynamics obtained with the proposed lumped-parameter model
and on FEm

= 0 and 85% are illustrated in Figure 4h. The left ventricular PV loops show

excellent agreems-rt, with elevated systolic left ventricular pressures upon AC. Moreover, a
reduction i ft ventricular end-systolic volume and the stroke volume, albeit minor, was
captured posed lumped-parameter platform. This is a consequence of an elevated aortic

resistance mial elastance) and is clinically observed in a variety of diseases including aortic

stenosi§sclerosis.

3.3. Casgystudy 2: Fontan hemodynamics

3.3 w ption and model description

Hygp!astlc left heart syndrome is a form of univentricular congenital heart disease in which

the left sidl of thiheart is underdeveloped, thus unable to pump blood to the body adequately. In
these pati ries of surgeries are required to restore blood flow. The last of these procedures

is the Fon ation, which is performed to shunt venous blood from the body directly to the

pulmo lation, bypassing the heart.®? Although this surgery prolongs life, hemodynamic

abnormalities result from this procedure, and the resulting single ventricle physiology, including low
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pulsatile flow within the inferior vena cava (IVC) and elevated hepatic venous pressures, which can

lead to a host of long-term morbidities and mortality.!**~%¢!

t

study, we present a lumped-parameter representation of the Fontan circulation

to illustrat at respiration alone plays on the hemodynamics of venous return, as recently
|

demonstrated in vivo.® This work concluded that breathing, rather than the pumping action of the

heart, is refpons for the flow characteristics observed in the IVC in this patient population. By
comparing the hemodynamics obtained in silico, we aim to further demonstrate the versatility of

our propos rm.

Th ion network was readapted to emulate the Fontan anatomy. As shown in Figure

5a, the hedrt was simulted by one ventricle and one atrium, with a shunt connecting the IVC to the

£19

superior ven SVC) and the pulmonary circulation. In this description, breathing was simulated

a

via variabl nce chambers, in a similar fashion to our previous simulations. Furthermore, a
consta was provided to the centrifugal pump and the heart valves ere removed from the

model inate any time-dependent effect from the beating of the heart. By matching the

M

average respiratory rate and cardiac output of the patient population in the clinical study, we closely

[

replicated thing gating analysis.’®® The geometrical characteristics of the heart chambers

were mod @ the baseline simulation to more accurately reproduce cardiac anatomy in

hypoplastic rt syndrome. Finally, the thoracic IVC was replaced with a simulated Dacron

N

[67,68]

shunt at typically implanted during the surgical procedure, and pulmonary

|

resistances*were increased to model pulmonary hypertension, which is highly prevalent in Fontan

3

patients.[sg] The igPut parameters of this model and the schematic can be found in Table S2 and

Figure S5 r ly.

A
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3.3.2 Experimental set-up

W#urthe'validated the results of the in silico model using a benchtop simulator of Fontan

hemodynamy developed by our group.” This system consists of a mock circulatory loop

integrated -actuated synthetic diaphragm to mimic breathing (Figure 5b). Diaphragmatic
I I

motion gdferates physiological pressures in both the thoracic and abdominal cavities as

demonstraféd in"Qur previous work.”! For this study, we employed our benchtop simulator to
investigate | modynamics at a respiratory rate and cardiac output that are similar to those of
the in vivo y@S well as of the proposed simulation. A constant pressure head reservoir was used
to provide @“rt input to the system, while respiratory pressures and IVC hemodynamics were

recorded t t each breathing cycle using pressure sensors (ArgoTrans model2, Argon Medical

Devices) a eter (Transonics Inc. 28PAU).

E\ hemodynamics results

Figure 5c illustrates the IVC flow during a breathing cycle beginning at inspiration. Results
from the lSsi/ico model closely match those from the clinical study of reference and from our
benchtop . IVC flow is seen to increase during inspiration and drop during expiration. We

computed a n IVC pressure of 18.5 mmHg on our simulation, which very closely matched that

measured g the benchtop simulator. Furthermore, the peak IVC was similar across our platforms,

<

as sum ble 3.
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4, Discussion

In thiswe present a Windkessel lumped-parameter model that is based
on the a@nd biomechanics of the human cardiovascular system. This
I
was devw using the object-oriented MATLAB-based SIMSCAPE platform
in the @Iic domain. A custom variable-compliance element was
integratwnimic cardiac contractility and compliance variations due to
respiratige model was constructed using the geometrical and
mechani racteristics of the cardiovascular anatomy, whereas values for
local resistances were adopted from the literature when it was impractical to
geometrmepresent the network at various sites of the cardiovascular
tree. The effigiency of traditional electrical analog lumped-parameter models
and the physical intuitiveness and practical advantage associated with the
hydraulihin coalesce in the platform. This makes the proposed model
suitableeating intuitive representations of in vitro hydraulic mock

circuIatSy loops, informing device development through the optimization of

the aw geometry and material properties, and predicting patient-

specific mnamics of clinical relevance.

This closely replicates the cardiovascular hemodynamics within the

physiological range in both the systolic and diastolic phases of the cardiac
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cycle, and has numerous advantages over previously reported work. In
additionFo vgtricular PV loops, we were able to reproduce atrial PV loops,

which ammonly reported for Windkessel models. Furthermore, this

platfofni™prédicts the effects of breathing on arterial pressure - a decrease

during ilwon and increase during expiration.

A majowmtage of our proposed simulation over the traditional
WindkeSpresentation is the ability to recapitulate the effects of
geometrij d mechanical abnormalities of large vessels. This enables
prediction of changes in the left ventricular pressures and volume caused by
aortic comion and stiffening, which we validated using a simple in vitro
mock circ ry loop and FEA. Results consistently showed that the
transaortic pressure gradient increases in an exponential fashion with
reductionssinethe aortic luminal area - a clinically relevant prediction given
that ch the afterload can lead to heart failure. Simulation of the
effectﬂ)iration on Fontan hemodynamics further demonstrated the
versatH the proposed platform, which was readapted to the
univentrEneart anatomy. Our in silico results accurately replicated a
recen o study,[“] and was validated in vitro using our cardiopulmonary

benchtop simulator. We found that, at the same respiratory rate and cardiac
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output, the IVC pressure and flow characteristics were similar across the

three w.

Howeve@mitations associated with our model should be considered.

I I
First, thdlcentral venous pressure (CVP), is skewed towards the upper limit of

the phySiological range. Although higher compliance values in the right

¢

ventriclm the computed CVP, the simulation becomes less stable and
the timgred to reach steady-state increases dramatically. Moreover,
the simt does not include inertial elements that would capture the

high-frequenc; pressure changes associated with higher-order velocity

changes

In additi though our platform accurately predicted the physiologic
decrease in arterial pressure at inspiration and increase at expiration, several
mechanis tr1at contribute to this phenomenon have been omitted for

simplicity? instance, no respiration-driven compliance changes were

h

consi large vessels such as the aorta, IVC, SVC, and pulmonary

artery, as for any of the cardiac chambers, particularly of the right

heart, a are affected by respiratory mechanics. Furthermore, changes

in the rate, as well as the mechanical interaction between the right and

AUL

left ventricle, which causes a reduction in left ventricular filling during

This article is protected by copyright. All rights reserved.

25



inspiration, thus a decline in systolic blood pressure, could not be accounted

for in t‘is si,\ulation, as these go beyond the capabilities of lumped-

I I
Finally, !ifferences between our lumped-parameter model and the FEA

simulati@n shduld be mentioned to explain why pressure changes induced by

G

AC wer ally higher when predicted by FEA compared to our lumped-

$

parame form. In FEA, discretization errors associated with meshing

U

quality, f simplified Windkessel elements to define flow exhange

11

between different fluid cavities, and turbulent flow at the cardiac wall may

gl

result in onal vicous and frictional losses. These could be responsible

for a tran tic pressure gradient that is greater in FEA than what is

I

predicted by our lumped-parameter model and observed experimentally.

or

5. Conclusi

N

The work constitutes an object-oriented lumped-parameter

{

representation) of the cardiovascular system in the hydraulic domain, based

tl

on th etrical and biomechanical characteristics of the network. Results

show that this model closely mimics the hemodynamics of normal physiology
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and that the effects of breathing on cardiovascular hemodynamics could be
successtllx gn’ ulated. Two case studies showcased the versatility and

advanta @ is model over conventional approaches.

£

I I
Future \grk will first focus on exploiting the capabilities of this model by

simulatifig a Wider spectrum of cardiovascular and respiratory conditions.

C

Second,mtory mechanics could be optimized via modeling of breathing-
driven cBnce changes of the heart chambers and other large vessels.
Finally, i elements could be included to capture the high-frequency

response of the system due to higher-order velocity changes, when relevant

fora givmication, albeit at the expense of computational efficiency.

In conElhe presented platform offers a physically-intuitive approach

to modeling the cardiovascular system. This can enable the development of
in silico s that closely replicate the mock circulatory loops commonly

usedinc ascular research and investigate more complex systems which

wouldﬁactical to replicate in vitro. Finally, by representing disease-

specificﬁies, this model may have utility as a user-friendly and
comp y efficient tool to better understand cardiovascular

ut
hemo ics and the effect of intervention on cardiac function.
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Figure 4: a) Experimental set-up showing the electromechanical constriction device on the synthetic
aorta. b) Images recorded by an endoscopic camera inserted in the flow loop, showing cross-
Wriations of the aorta at AC = 0%, 50%, 85%. c) FEA set-up illustrating the

device on the aortic wall. d) Cross-sectional variations of the aorta at AC = 0%,

ined on the FEA simulation. Pressure tracings of the left ventricle and aorta for

@) thempatent aorta and f) AC = 90%. g) Changes in transaortic pressure gradient with cross-
Mrtic constriction obtained by our model (R* = 0.8965), in vitro (R*> = 0.9788

, 3), and on FEA (R* = 0.8875). h) PV loops of the left ventricle computed by our
ia FEA at AC = 0%, 85%.
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Figure 5: a) Representation of the Fontan anatomy. b) Schematic of the benchtop simulator used for

. ¢) Comparison of Fontan hemodynamics across our in silico model, in vitro

[66]

d in vivo study,”™ showing the characteristic low pulsatile flow within the IVC.
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Table 1.

|

of baseline simulation.

:

Density [kgm™]  Kinematic viscosity Bulk modulus
I [mmz S_l] [GPa]
Blood ( ) 106071 3.551721 22071
— -
- A
Diameter [cm] Length [cm] Compliance [m
-~ = Pa’]
Left ventr > 4 41601 7160] 0.02—8 107
Right venie 4.8t 5teol 1.8-5.5107
1
Left atrium® = 51601 7.51601 0.8-1.710°
Right agigs™ 5.6l 5160) 1.9-2.310%
.|
Ascendinggorta 2.6574 8.8l 45107
nl—
Descendi@ 2,150 6.9 7.0 107
v
Thoracic 40rta 1.92174 33.2171 1.7107
]
] ) |
Pulmonag artery 3160l 5160l 22107
2 Ay [76] [76] -6
SVC ‘I 2.1 7.1 5.010
Abdomm 1477 17178 4.410°
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Thoracic IVC 1.4077] 2.571 6.4 107

Area [cm’]

pt

Aortic P FE 4%

h
Pulmonarﬁalva 5811
A 4

Mitral Valm 42821
> W
]

Tricuspid valve i 5831
- |
! Resistance® [Pa s Volume? [L] Complianced) [m
— m”] Pa’]
Upper bod? J 0.31 5.2 10" 0.891% 6.7 1081221
Abdomingles™ 0.15—2.3 1022 2.02122 3.6 10722
|
Lower body 0.40 — 4.7 10°7% 0.51 4110722
h—
Pulmonanf® ) 0.50 - 5.0 10°15% 055122 610722

"“)Superior Ma; ®lInferior Vena Cava; 9The two values in range refer to the venous and the

arterialrspectively; YEstimated from citation.

Aut
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Table 2. Comparison of simulated hemodynamics with physiological range.

Parame# Simulation Physiology

—

Cardiac JONPEE ™ hin"] 4.7 447114

Stroke VOWIL] 79 51— 111034
C )

LV pressum-Hg]
V)

Systolic  mm— 111 100 — 140!
Diastolic g 4 3121
LV voluw
Systol i ggu— 51 37 — 57186
Diasto i — 130 121 - 1635
Arterial [&isure [mmHg]
P .
Systolic {_J) 108 100 — 1401
S
Diastolj 68 60 — 90!
RV press*ng]
Systolic / 24 15— 30%!
Diastolic N 7 2 — gl
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RY volume [mL]

{

Systolic 52

D

Diastolfe Nm———m 130

r.

Pulmonaf artar pressure [mmHg]
A 4

Systolic ( n 22
-w v

Diastolic i 7
_____4
]

PCWP? [gmHg] 6-10
e

LA volum 8 —60
- wr

| ]
CVP" [m 8-9
RA volume [mL] 9-41

36— 641"
121 - 167"
15301
4121
4—120%

g — 781
210
8 — 891

a’PuImonar!CapiIIary Wedge Pressure; *’Central Venous Pressure

O

Table 3: of IVC hemodynamics across in silico, in vitro, and in vivo studies.

Parame# Simulation

|

Respirato@nin'l] 21.7

Cardiaconin'l] 2.0

Experimental In vivo study!®®
21.7 21.8+4.3
2.2 1.9+0.7

This article is protected by copyright. All rights reserved.



IVC pressure [mm Hg] 18.5 16.4 N.R.®

7“
IVC peak mmin'l] 6.1 4.2 6.2

“Not Repo et

B Y
: Sy L E LA
“.._  Abdominal and
Pulmonary
f B A B A B

Left Ventricle
p
8, .
T
(14
o U.
A
! | |
fix}=0h
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A lumped-parameter model of the cardiovascular system is developed to
determile cgdiovascular hemodynamics from hydraulic parameters in
physiol pathophysiological conditions, including left ventricular
pressite™oVefload and single-ventricle physiology. This provides a practical
tool for inulation of complex circulatory loops, optimization of medical
intervenmand prediction of patient-specific hemodynamics of clinical

relevanc

vl
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