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Editorial on the Research Topic
Mathematical Modeling of Cardiovascular Systems: From Physiology to the Clinic

Biomedical research has enjoyed an eruption of reductionism where organs are reduced to
their respective tissues, cells, and molecules. Although reductionism (including proteomic and
genomic) is a powerful approach to provide information on the components of the system,
integration of the components and their interactions are necessary to reveal organ phenotype
and function (Kassab et al,, 2016; Heikhmakhtiar and Lim, 2018). Biological integration is
inherently complex and requires mathematical “gluing” of numerous components of the system
with numerous variables. Physics-based mathematical modeling is well-tailored for the task where
the number of variables is so great that it eludes intuition. The past several decades have enjoyed
enormous advancements in mathematical modeling as computational capabilities have advanced
substantially and experimental databases to inform and calibrate the computational models have
become available to minimize the number of ad hoc assumptions. Applications of mathematical
models have ranged from understanding basic biological systems to generate new hypotheses to
patient-specific modeling and simulation studies that can aid medical diagnosis and help design
optimal treatments (Wenk et al., 2009). Modeling and simulation studies have an important role
here because they provide knowledge and insights not available from existing data modalities and
make evidence-generation more efficient by reducing the number of real patients needed in clinical
studies. Furthermore, the utility of mathematical models remains largely removed from the clinic.
The objective of this issue of “Frontiers in Physiology” is to place the spotlight on computational
integration with emphasis on validation and clinical translation of mathematical models.

The cardiovascular system which includes the heart and blood vessels has enjoyed prodigious
efforts on both reduction and integration for understanding physiology and pathophysiology.
For example, it is now clinical practice to compute pressure drop in the coronary arteries
using computerized tomography (to determine fractional flow reserve; Tan et al, 2017),
and non-invasively measure regional heart wall motion and strain in patients by using
echocardiography or cardiac magnetic resonance imaging, in order to solve the inverse problem
and quantify regional myocardial diastolic compliance and systolic contractility. On the latter, there
still is no reliable force transducer or strain gauge for directly measuring forces or stresses in the
intact heart wall without interfering with heart function. Clinicians, engineers, and physiologists
have been interested in measurement and/or computation of heart wall stress since the early
1900s. Myocardial stress is an important boundary condition for coronary blood flow, and it is
directly related to myocardial oxygen consumption (Yin, 1981). The working hypothesis is that
early and late cardiovascular disease treatment outcomes will be improved by using surgical and/or
percutaneous techniques that reduce forces or stresses to homeostatic levels (Grossman, 1980).
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Since regional heart wall stress cannot be measured reliably,
mathematical modeling based on the conservation laws of
continuum mechanics is needed. Because heart wall geometry
(including its fibrous architecture) is fully 3D and the mechanical
properties of beating myocardium are non-linear, there are
no exact solutions of the governing differential equations of
motion. Thus, numerical methods are required to find numerical
approximations. The most versatile numerical method for
simulation of cardiovascular system is the finite element (FE)
method (Guccione et al., 2010), which is widely used in the
automotive and aerospace industries. Most FE models concerned
with heart disease include only the left ventricular (LV) heart
chamber because it is under the greatest stress (highest pressures)
and thus, most prone to failure.

Currently, numerous computational models can simulate
the behavior of the LV, a few models can simulate both
ventricles, and even fewer can simulate all full four-chambered
heart (Baillargeon et al., 2014). The response of FE model
is governed by realistic electrical, structural, and fluid flow
physics. Significant recent improvements have been made in
determination of diastolic (Sack et al.) and systolic (Sack et al.,
2016) myocardial material properties in FE models of normal
human LV (Genet et al., 2014). Relatively few computational
studies have investigated the effects of mechanical circulatory
support devices on cardiac function using realistic geometries
(Lim et al., 2012; McCormick et al., 2013). A recent study of the
effects of an LV assist device on acute left heart failure (Sack et al.,
2016) presented stress results in both ventricles.

Demands for medical device evidence development
addressing patient safety, therapeutic efficacy, and cost-
benefit determination are increasing. These demands are
well-documented drivers of medical device clinical trial size,
complexity, timelines, and costs. At the same time, and seemingly
paradoxically, patient and provider demands for faster treatment
access, and more innovative treatment options are increasing.
Given the legitimacy of these stakeholders’ data demands,
combined with the realities of resource limitations (budget and
time), historic data acquisition techniques will soon no longer
meet patient and provider needs. While numerous solutions have
been hypothesized, the adoption of clinical trial solutions which
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make clinical trials more efficient and provide the data necessary
to show safety and efficacy has been scarce. Modeling and
simulation add value to the medical device innovation ecosystem
by providing knowledge and insights not available from existing
data modalities and making evidence generation more efficient
by reducing the need for more burdensome types of data and
information. We can more fully utilize modeling and simulation
to minimize burden on patients, investigators, manufacturers
and regulators, with mechanisms that support efficient review
of novel products and approaches without compromising safety
or effectiveness. “In the future, computer-based modeling may
change the way we think about device validation in other ways,
allowing for much smaller clinical trials, ..., in that some
‘clinical” information may be derived from simulation (Faris and
Shuren, 2017).” Stated another way, digital evidence (evidence
from well-controlled modeling and simulation studies) could
serve as “clinical” information to support the evaluation of
medical devices.

It is our hope that this edition of “Frontiers in Physiology”
titled “Mathematical Modeling of Cardiovascular Systems: From
Physiology to the Clinic” will serve to highlight powerful
analytical tools that may advance to the clinic to improve
safety and efficacy of existing treatments and advance novel
diagnostics and therapeutics. In this spirit, we are delighted to
include 23 articles contributed by 101 authors to this special
issue. The topics range from models of cardiac and vascular
system in health and disease from molecular to the organ system
including simulations of cardiovascular devices. To promote
these and other translational and transformational efforts, it is
important to encourage further computational modeling that
range from molecular, to cellular, to tissues and organs in
partnership with experimental validations. Validation is key to
this effort as it will boost confidence in the computational
simulations that will translate from the academic laboratories to
the clinic.
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High Spatial Resolution Multi-Organ
Finite Element Modeling of
Ventricular-Arterial Coupling

Sheikh Mohammad Shavik, Zhenxiang Jiang, Seungik Baek and Lik Chuan Lee*

Department of Mechanical Engineering, Michigan State University, East Lansing, MI, United States

While it has long been recognized that bi-directional interaction between the heart and the
vasculature plays a critical role in the proper functioning of the cardiovascular system, a
comprehensive study of this interaction has largely been hampered by a lack of modeling
framework capable of simultaneously accommodating high-resolution models of the
heart and vasculature. Here, we address this issue and present a computational modeling
framework that couples finite element (FE) models of the left ventricle (LV) and aorta to
elucidate ventricular—arterial coupling in the systemic circulation. We show in a baseline
simulation that the framework predictions of (1) LV pressure—volume loop, (2) aorta
pressure —diameter relationship, (3) pressure —waveforms of the aorta, LV, and left atrium
(LA) over the cardiac cycle are consistent with the physiological measurements found
in healthy human. To develop insights of ventricular-arterial interactions, the framework
was then used to simulate how alterations in the geometrical or, material parameter(s)
of the aorta affect the LV and vice versa. We show that changing the geometry and
microstructure of the aorta model in the framework led to changes in the functional
behaviors of both LV and aorta that are consistent with experimental observations. On the
other hand, changing contractility and passive stiffness of the LV model in the framework
also produced changes in both the LV and aorta functional behaviors that are consistent
with physiology principles.

Keywords: left ventricle, finite element modeling, ventricular-arterial coupling, arterial mechanics, cardiac
mechanics, systemic circulation

INTRODUCTION

The heart and vasculature are key components of the cardiovascular system that operate
in tandem to deliver oxygen and nutrients to the human body. Physiological adaptation,
deterioration, and/or malfunctioning of one component often affects the operation of the other.
Indeed, optimal ventricular-arterial interaction (or coupling) is critical to the normal functioning
of the cardiovascular system. Any deviations from optimal ventricular-arterial interaction in
the cardiovascular system (as indexed by the ratio between arterial stiffness and ventricular
elastance) are usually associated with heart diseases (Borlaug and Kass, 2011). In the pulmonary
circulatory system, interactions between the right ventricle and the pulmonary vasculature are
key determinants of the clinical course of pulmonary hypertension (Naeije and Manes, 2014),
specifically, in the transition from compensated to decompensated remodeling. Similarly, in the
systemic circulatory system, heart failure with preserved ejection (HFpEF) has been associated
with a progressively impaired ventricular-arterial interaction between the left ventricle (LV) and the
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systemic arteries (Kawaguchi et al., 2003; Borlaug and Kass,
2011). Ventricular-arterial interaction is also reflected at
the microstructural level. In particular, remodeling of the
vasculature found in these diseases (e.g., smooth muscle
hypertrophy/proliferation and deposition of the collagen)
(Shimoda and Laurie, 2013; Giamouzis et al., 2016) are often
accompanied by similar remodeling in the heart (e.g., myocyte
hypertrophy and cardiac fibrosis) (Rain et al., 2013; Hill et al,,
2014; Su et al., 2014).

Computational modeling is particularly useful for
understanding ventricular-arterial interaction, especially as there
are potentially many parameters that can affect this interaction
bi-directionally. While ventricular-arterial interactions may be
described using electrical analog (or lumped parameter) models
of the cardiovascular system (Smith et al., 2004; Arts et al,
2005), the heart and vasculature in such models are represented
using highly idealized electrical circuit elements such as resistor,
capacitor, and voltage generator. It is difficult, if not impossible,
to separate or distinguish between geometrical, material, and
microstructural changes from the parameters of these electrical
elements. Previous finite element (FE) modeling efforts of the
cardiovascular system, however, have focused on either the heart
or the vasculature. Specifically, FE models of the heart were
developed either in isolation (Wenk et al., 2011; Lee et al., 2013;
Gao et al,, 2014; Genet et al,, 2014), or coupled to an electrical
analog of the circulatory system in open (Usyk et al., 2002;
Trayanova et al., 2011; Wall et al.,, 2012; Lee et al., 2016; Xi et al.,
2016) or closed loop fashions (Kerckhoffs et al., 2007; Shavik
et al,, 2017). In an open-loop circulatory modeling framework,
the FE ventricular model is generally coupled to a Windkessel
model via outlet boundary conditions to simulate the ejection of
blood, while the filling and isovolumic phases are, respectively,
simulated by increasing and constraining the ventricular
cavity volume. Parameters in the modeling framework are
then adjusted so that the four distinct cardiac phases form a
closed pressure-volume loop. On the other hand, coupling the
FE ventricular model to a closed loop circulatory modeling
framework is (arguably) more physical since the total blood
volume is naturally conserved in the cardiovascular system.
Simulation of multiple cardiac cycles is required, however, to
obtain a steady state solution. Conversely, FE models of the
vasculature were developed either in isolation (Hsu and Bazilevs,
2011; Zeinali-Davarani et al, 2011) or coupled to simplified
representation of the heart based on a time-varying elastance
function (Kim et al., 2009; Lau and Figueroa, 2015). Although
able to describe the heart or vasculature in greater details, these
FE modeling frameworks cannot be used to simulate detailed
bidirectional ventricular-arterial interactions e.g., how changes
in the vasculature mechanical properties affect the deformation
and function of the heart and vice versa.

To overcome these limitations, we describe here a novel
computational framework that is capable of coupling high
spatial resolution FE models of both the vasculature and
the heart to describe bidirectional ventricular-arterial coupling
in the systemic circulation. Using realistic geometries and
microstructure of the LV and aorta, we show that the
framework is able to reproduce features that are consistent with

measurements made in both compartments. We also performed
a parameter study to show how mechanical and geometrical
changes in the aorta affect the heart function and vice versa.

METHODS
Closed-Loop Systemic Circulatory Model

Finite element models of the aorta and LV were coupled
via a closed-loop modeling framework describing the systemic
circulatory system. Other components of the circulatory system
were modeled using electrical analogs (Figure 1A). Mass of blood
was conserved by the following equations relating the rate of
volume change in each storage compartment of the circulatory
system to the inflow and outflow rates

dVia(t)

—— = Qven (1) — Gmy (1) ; 1
it Gven (£) — qmy (1) (1a)

dViy(t)

% = qmvy ) — ao ®; (1b)

AV (1)

Ziﬂ = Gao (t) — Gper (1) ; (1c)
t

AV yen(t

T() = qur(t) - ‘Zven(t), (1d)
t

where Via, Viv, Vus, and V., are volumes of each

compartment, and Gyen> Gmv> qao> and gpe, are flow rates at
different segments (Figure 1A). Flowrate at different segments
of the circulatory model depends on their resistance to flow (R,
Rpers Ryens and Ryy) and the pressure difference between the
connecting storage compartments (i.e., pressure gradient). The
flow rates are given by

P, —P,
an(t) — w when, PLV,cav(t) > Part,cav(t) . (za)
0 when, PLV,mv(t) < Part,cav(t)
P t)—P. t
Qper (t) _ art,cav( ) ven ( ); (2b)
Rper
Pyen (1) — Pra (1)
Qe () = = (2¢)
ven
Pra(t)—Prv,cav(t)
va(t) _ [ P — when, PLA(t) > PLV,cav(t) . (zd)
0 when, PLA(t) < PLv cav(t)

Pressure in each storage compartment is a function of its volume.
A simplified pressure volume relationship,

Vven(t) - Vven,O

, 3)
CVETI

Pven(t) =

was prescribed for the veins, where V., is a constant resting
volume of the veins and C,., is the total compliance of the
venous system. On the other hand, pressure in the left atrium
Pra (t) was prescribed to be a function of its volume Vy4(f)
by the following equations that describe its contraction using a
time-varying elastance function e(t):

Pra(t) = e(t)Pespa(Via(t)) 4+ (1 —e(t)) Pegra(Via(t)), (4)
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parl
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FIGURE 1 | (A) Schematic diagram of the ventricular-arterial modeling framework; the LV and aorta were modeled using FE models, rest of the systemic circulation
compartments were modeled using their electrical analog. (B) unloaded aorta geometry with e, (k = 1-4) showing the directions of the four collagen fiber families, (C)
unloaded LV geometry with fiber directions varying from 60° at the endocardium to —60° at the epicardium wall (all dimensions are in cm).

where TABLE 1 | Parameters of time varying elastance model for the left atrium.
Parameter Unit Values
Pes1A(Via(t) = Eespa(Via(t) — Vora)s (52)
Ped,LA(VLA(t)) = A (eBLA(VLA(t)fv(),LA) -1, (5b) End-systolic elastance, Fgs 14 Pa/ml 60
Volume axis intercept, Vg 1 4 ml 10
and Scaling factor for EDPVR, A; 4 Pa 58.67
’ Exponent for EDPVR, B 4 mi~! 0.049
. . T Time to end-systole, tmax ms 200
e(t) = 2 (sm [(tmax> = E] +1) P 0<t=3/2 tmax.(Sc) Time constant of relaxation, © ms 35
% e_(t_3/2tmax)/f; t > 3/2 tmax

In Equations (5a,b), Eer4 is the end-systolic elastance of the  TABLE 2| Parameters of the closed loop lumped parameter circulatory
left atrium, Vi 14 is the volume axis intercept of the end-systolic ~ framework.
pressure volume relationship (ESPVR), and both A4 and Bra

Parameter Unit Values

are parameters of the end-diastolic pressure volume relationship
(EDPVR) of the left atrium. The driving function e(f) is  Aortic valve resistance, Rao Pams mi—! 2,000
given in Equation (5c) in which #,4 is the point of maximal  Peripheral resistance, Rper Pams mi—! 125,000
chamber elastance and 7 is the time constant of relaxation. The  venous resistance, Rven Pams mi—! 2,000
values of Ees1as Vora> Aras Bras tmaxs and 7 are listed in Mitral valve resistance, Rmy Pams mi—1 2,000
Table 1. Venous compliance, Cyen ml Pa 0.3

Finally, pressure in the other two storage compartments, Resting volume for vein, Vyen,o mi 3,200
namely, LV and aorta, depends on their corresponding volume
through non-closed form functions

Prycan(®) = f (Vv (1)), (6)  Finite Element Formulation of the Left
Part, cav (8) = ™" (Vart (1)) - (7)  Ventricle and Aorta

Finite element formulation of the other two storage
The functional relationships between pressure and volume in the ~ compartments can be generalized from the minimization
LV and aorta were obtained using the FE method as described in ~ of the following Lagrangian functional with the subscript
the next section. k = LV denoting the LV and k = art denoting the
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aorta

Wi (ug) dV
Qok

Pk Uk — 1)dV — Pray (Vk,cm/ (k) — Vk)
Qo

—cl,k~/ up dV — cz,k-/. X X ug dV.
Qo k Q0k

In the above equation, ug is the displacement field, Py 4y
is the Lagrange multiplier to constrain the cavity volume
Vicav(uk) to a prescribed value Vi (Pezzuto and Ambrosi,
2014), p;. is a Lagrange multiplier to enforce incompressibility
of the tissue (ie., Jacobian of the deformation gradient
tensor Jy = 1), and both ¢; and ¢, are Lagrange multipliers
to constrain rigid body translation (i.e., zero mean translation)
and rotation (i.e., zero mean rotation) (Pezzuto et al., 2014).
The functional relationship between the cavity volumes of the
LV and aorta to their respective displacement fields is given

by

Ly (k> pre> Procavs €1k €26) =

(8)

1
Vk,cav (u) = / dv=—- / Xk.ng da, (9)
Qinner 3 Cinner

where ;¢ is the volume enclosed by the inner surface I'jyper
and the basal surface at z = 0, and ny. is the outward unit normal
vector.

Pressure-volume relationships of the LV and aorta
required in the lumped parameter circulatory model [ie.,
Equations (6, 7)] were defined by the solution obtained
from minimizing the functional. Taking the first variation
of the functional in Equation (8) leads to the following
expression:

8Lk (ttks Phs Precavs €1k €2k) = / (P — pcFi™ ") : Vg dV

Qo

- / 8pk U — 1) dV — Prcay / cof (Fi) : Vouy dV
QO,k Qo,k

=38Py cav (Vk,cav (ux) — Vk) — 8k / u dV

Qok

—Bcz,k~/ X X up dV — cl,k~/ Suy dV
Qok Qok

—czyk-/ X X Suyp dV. (10)
Qo

In Equation (10), P is the first Piola Kirchhoft stress tensor,
Fj is the deformation gradient tensor, Suk, pk, OPkcavs
dcik, Scpx  are the variation of the displacement field,
Lagrange multipliers for enforcing incompressibility and
volume constraint, zero mean translation and rotation,
respectively. The Euler-Lagrange problem then becomes finding
up € H' (k) > pr € L* (k) > Prcav € R, c1k € R?, c2k€ R? that
satisfies

8Lk (s> Pre> Precav» €160 €2,) = 0 (11)

and wuy . nglpeee = 0 (for constraining the basal deformation
to be in-plane) V Sux €H'(Qox), Spkel? (Qox),
8Pcay € R, Scrx € R3, Scpp € R3.

An explicit time integration scheme was used to solve
the ODEs in Equation (1). Specifically, compartment volumes
(Vea, Viv, Var, Vien) at each timestep #; was determined
from their respective values and the segmental flow rates
(Qven> Gmv»>Gao> Gper) at previous timestep t;—1 in Equation (1).
The computed compartment volumes at ¢; were used to update
the corresponding pressures (Pra, Prv, Pa, Pyen). Pressures
in the left atrium (Pr4) and veins (P,,,) were computed from
Equations (4) and (3), respectively. On the other hand, pressures
in the LV (Prv,cqy) and aorta (Pgrcqy) Were computed from
the FE solutions of Equation (11) (for k = LV and art) with
the volumes (Viy, Vi) at timestep t; as input. We note here
that (Prv,cav> Part,cav) are scalar Lagrange multipliers in the FE
formulation for constraining the cavity volumes to the prescribed
values (Viv, Vgr). The computed pressures at timestep t; were
then used to update the segmental flow rates in Equation (2) that
will be used to compute the compartment volumes at timestep
ti+1 in the next iteration. Steady-state pressure-volume loop was
established by running the simulation over several cardiac cycles,
each with a cycle time of 800ms (equivalent to 75bpm). All
the parameter values used in the circulatory model are listed in
Table 2.

Geometry and Microstructure of the LV

The LV geometry was described using a half prolate ellipsoid that
was discretized with 1325 quadratic tetrahedral elements. The
helix angle associated with the myofiber direction ef, was varied
with a linear transmural variation from 60° at the endocardium
to —60° at the epicardium in the LV wall based on previous
experimental measurements (Streeter et al., 1969) (Figure 1C).

Constitutive Law of the LV

An active stress formulation was used to describe the LV’s
mechanical behavior in the cardiac cycle. In this formulation,
the stress tensor Pry can be decomposed additively into a
passive component Pry p and an active component Pry, (i.e.,
Pry=Pry a+Pryp). The passive stress tensor was defined by
Pry p=dWry /dFry, where Wiy is a strain energy function of a
Fung-type transversely-isotropic hyperelastic material (Guccione
etal., 1991) given by

1
Wiy = EC (eQ - 1) s (12a)
where,
Q = byEg + b (E + Eyy, + Eg, + Ey)
+ by (B, + B + B} + EY) (12b)

In Equation (12), E; with (i, j) € (f s, n) are components of
the Green-Lagrange strain tensor Ery with f, s, n denoting the
myocardial fiber, sheet and sheet normal directions, respectively.
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Material parameters of the passive constitutive model are denoted
by C, b, by, and bg.

The active stress Pry, was calculated along the local fiber
direction using a previously developed active contraction model
(Guccione et al., 1993; Dang et al., 2005),

2
Cayg

Tomox————5— 13
max Ca(z) + ECa%O ( )

Prya = Ct ef Q ef,.

In the above equation, ef and ey, are, respectively, the local
vectors defining the muscle fiber direction in the current
and reference configurations, Tyqy is the isometric tension
achieved at the longest sarcomere length and Cay denotes the
peak intracellular calcium concentration. The length dependent
calcium sensitivity ECaso and the variable C; are given by

ECasy = (Cao) max , (14a)
Jep (B(1— 1)) —1
C = % (1 —cosw). (14b)

In Equation (14a), Bis a constant, (Cag) a4y is the maximum peak
intracellular calcium concentration and [y is the sarcomere length
at which no active tension develops. The variable @ in Equation
(14b) is given by

71%, 0<t<ty;
o= r Mt <t <ttty (15)
T
0, fo+t <t.

In the above equation, ? is the time taken to reach peak tension
and ¢, is the duration of relaxation that depends linearly on the
sarcomere length [ by

tr=ml+b, (16)
where m and b are constants. The sarcomere length [ can be
calculated from the myofiber stretch Ary by

Ay = Jef,-Crves, (17a)
I = Ayl (17b)

In Equation (17a), Cry FryTFpy is the right Cauchy-
Green deformation tensor and [, is the relaxed sarcomere length.
Parameter values associated with the LV model are tabulated in

Table 3.

Geometry and Microstructure of the Aorta
An idealized geometry of the aorta extending from the heart to
the thoracic region from a previous study (Vasava et al., 2012) was
used here. The geometry was discretized using 1020 quadratic
tetrahedral elements. The aorta diameter was assumed to be
constant in the first segment starting from the aortic root to the
middle of the aortic arch, and then gradually decreased toward
the thoracic region. Aortic wall thickness was kept constant
(Figure 1B).

TABLE 3 | Parameters of the LV model.

Parameter Description Value

C material parameter, kPa 0.10

byt material parameter 29.9

bxx material parameter 138.3

b material parameter 26.6

Tmax isometric tension under maximal activation, kPa 200.7

Cag peak intracellular calcium concentration, wM 4.35

(Cap)max maximum peak intracellular calcium concentration, uM 4.35

B governs shape of peak isometric tension-sarcomere 475
length relation, pmf1

lo sarcomere length at which no active tension develops, 1.58
wm

to time to peak tension, ms 171

m slope of linear relaxation duration-sarcomere length 1,049
relation, ms pm="

b time-intercept of linear relaxation duration-sarcomere 1,500
length relation, ms

Ir relaxed sarcomere length, um 1.85

TABLE 4 | Parameters of the aorta model.

Elastin c1 = 160 kPa, ¢ = 0.306
Cco = 0.08 kPa, c3 = 2.54, ¢c = 0.544 (¢4 = 0.1¢c,

¢o =0.1¢c, ¢3 = 0.4¢c, ¢4 = 0.4¢c)
c4 =0.01kPa, c5 =7.28, ¢;y = 0.15

p = 1050 kg/mS3, Sy = 54 kPa, Ay = 1.4, Ag = 0.8

Collagen families

SMC
Others

Constitutive Law of the Aorta

Stress tensor in the aortic wall was defined by Pgre=d Wt/ dFart,
where Wy, is the sum of the strain energy functions associated
with those from the key tissue constituents, namely, elastin-
dominated matrix W, collagen fiber families W and vascular
smooth muscle cells (SMC) W,, (Baek et al., 2007; Zeinali-
Davarani et al., 2011), i.e.,

4
Wart = We + Z Wc,k + Wm~
k=1

(18)

Strain energy function of the elastin-dominated amorphous
matrix is given by

1

We =M, (5) (tr (Car) = 3), (19)

where M, is the mass per unit volume of the elastin in the tissue,
c1 is a material parameter and, Cgy = Fg;tF,m is the right
Cauchy-Green deformation tensor associated with the aorta.
Four collagen fiber families were considered here. The first
and second families of collagen fibers (k = 1 and 2) were oriented
in the longitudinal and circumferential directions, whereas the
third and fourth families of collagen fibers (k = 3 and 4) were
oriented, respectively, at an angle a = 45° and —45° with respect
to the longitudinal axis (Figure 1B). We assumed the same strain
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energy function for all the families of collagen fibers that is given
by
- M2 2_ )] =
W = Mk4C3 {exp [63 (kk 1) ] 1} . (20)
In Equation (20), My is the mass per unit volume of kth family
of collagen fibers, A is the corresponding stretch of those fibers,

and both ¢; and ¢3 are the material parameters. The stretch in the
kth family of collagen fibers was defined by A = /exo-Carreko,

where ek is the local unit vector defining the corresponding
fibers orientation.

Strain energy function of the smooth muscle cells W,, was
additively decomposed into one describing its passive mechanical
behavior W, , and one describing its active behavior W, 4(i.e.,
Wi = Winp + Wi a). The passive strain energy function is given

by

Winp = Mm:—; {exp [cs (Amz — 1)2] — 1} . (21)
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Here, M,, is the mass per unit volume of the smooth muscle in
the tissue, A,, is the stretch of the smooth muscle, whereas cy4
and c5 are the material parameters. The smooth muscle cells were
assumed to be perfectly aligned in the circumferential direction.
Its stretch is therefore equivalent to that of the second family of
collagen fibers, i.e., 1, = A2. We used the following strain energy
function (Zeinali-Davarani et al., 2011) to describe the active tone
of vascular smooth muscle,
[}\‘m + ] .

In Equation (22), S, is the stress at maximum contraction, p is
the density of the tissue, Az is the prescribed stretch at which the
contraction is maximum and X is the prescribed stretch at which
active force generation ceases. Mass per unit volume for the
different constituents were calculated using following relations

Ot = Am)?
3 (kp — ho)?

Sm

Wia = Mpy— (22)
0

M, = ¢pep, (23a)
My = Pmp, (23b)
My = ¢ (1 — ¢ — ) 0 (23¢)

where ¢, ¢, and ¢y denote the mass fraction for elastin, smooth
muscle cells and kth family of collagen fibers. It was assumed
that 20% of the total collagen mass was distributed equally
toward the longitudinal and circumferential fiber families and
the remaining 80% was distributed equally to the a = 45° and
—45° fiber families. Constitutive parameters, mass fraction of
each constituents and other parameters of the aorta model are
listed in Table 4.

The coupled LV-aorta modeling framework, including the
solving of FE equations associated with the LV and aorta models,
was implemented using the open-source FE library FEniCS
(Alnees et al., 2015).

RESULTS

A baseline case was established using the LV-aorta coupling
framework so that LV pressure-volume loop and aorta pressure-
diameter curve were consistent with measurements in the
normal human systemic circulation under physiological
conditions. Specifically, model prediction of the LV ejection
fraction (EF) was 56%, which is within the normal range
in humans (Figure2B). Similarly, end-diastolic (ED) and
end-systolic (ES) diameters of the aorta in the baseline
case (Figure2C) were comparable to in-vivo measurements
(Greenfield and Patel, 1962; Muraru et al., 2014). We note
here that diameter of the aorta mentioned in subsequent
text refers to its inner diameter. Pressure waveforms of
the LV, aorta, and LA (Figure3) in the baseline case
were also within the normal range with an aortic pulse
pressure of 50 mmHg (systolic: 128 mmHg, diastolic:
78 mmHg).

Effects of a Change in Aorta Wall

Thickness

Varying the wall thickness in the aorta model led to changes
in not only the aorta mechanical behavior but also the LV
function (Figure 2). The aorta became stiffer (less compliant)
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FIGURE 4 | Effects of active tone and aorta constituent mass fractions on (A)
its ex-vivo pressure—diameter relationship, (B) LV pressure-volume loop and
(C) pressure—diameter both operating in-vivo. (Refer to Table 5 for cases).

with increasing wall thickness as reflected by an increase
in the slope of the pressure-diameter curves (Figure2A).
When operating in vivo as simulated in the LV-aorta coupling
framework, increasing the aorta wall thickness led to a
lower LV EF a higher peak systolic pressure of the LV
(Figure 2B) and a leftward shift in the aorta pressure—
diameter relationship with smaller diameter at ED and ES
(Figure 2C). Specifically, an increase in aorta ED wall thickness
from 1.8 mm (baseline) to 5.4mm (T3 case) was accompanied
by an increase in pulse pressure from 50 mmHg (in the
baseline case) to 120 mmHg. In comparison, the mean
aortic pressure changed by only about 10 mmHg (decreased
from 102 to 93mm Hg) for the same increase in wall
thickness.

TABLE 5 | Mass fractions of the aorta constituents for different cases investigated
in the study.

Case Mass fractions of the constituents Comment

Baseline  Same as Table 4 No change

Without Same as Table 4 No active tone in SM,

active Sm=0

M+ Pe = 0.122, ¢m = 0.061, ¢ = 0.816  Collagen increased by 50%,
Elastin and SMC decreased
proportionally

Mo Pe = 0.49, ¢pm = 0.24, pc = 0.272 Collagen decreased by

50%, Elastin and SMC
increased proportionally

For collagen fibers, the distribution of mass in four collagen fiber families was kept the
same, i.e., g1 = 0.1¢c, ¢po = 0.1¢c, ¢p3 = 0.4¢c, ¢4 = 0.4¢ for all cases.

Effect of Changes in Mass Fractions of the

Aorta Constituents

Similarly, varying mass fraction of the constituents in the aorta
wall (see Table5 for the different cases) also led to changes
in both the aorta and LV functions. Increasing collagen mass
fraction with a corresponding decrease in SMC and elastin mass
fractions (case M) led to a predominantly exponential pressure
- diameter response of the aorta that became extremely steep
at larger diameter (ie., >28 mm) (Figure 4A). This is because
the collagen fibers are stiffer than other constituents at large
strain. Under in vivo operating condition (as simulated in the LV-
aorta coupling framework), an increase in collagen mass fraction
resulted in a higher peak systolic pressure and a reduced LV
EF (Figure 4B). The exponential mechanical response (shown in
Figure 4A) of the aorta with higher collagen mass fraction was
also reflected in the ejection phase of the LV pressure-volume
loop, where the pressure-volume curve became steeper toward
end-of-systole. With a higher collagen mass fraction, the aorta
also operated at a larger diameter than the baseline in vivo
(Figure 4C). Pulse pressure in the aorta with higher collagen
mass fraction was much higher and decayed more rapidly when
compared to the baseline case (Figure 5).

Conversely, reducing collagen mass fraction and increasing
elastin and SMC mass fraction proportionally (case M) led to
a dominant neo-Hookean type pressure - diameter behavior,
particularly, at smaller diameter (<25mm). Under in vivo
operating condition, the peak pressure increased slightly but EF
remained nearly unchanged in the LV (Figure 4B). The aorta also
appeared to be more compliant in vivo with a larger change in
aortic diameter (~8.1 mm), especially when compared to case M;
that has a higher collagen mass fraction (~1.3 mm) (Figure 4C).
On the other hand, the aorta also operated at smaller ED and ES
diameters than the baseline. Pressure waveforms of the aorta, LV,
and LA were not significantly changed compared to the baseline
(Figure 5).

In the absence of SMC’s active tone, the aorta became slightly
more compliant than the baseline at diameter smaller than
27mm (Figure 4A). Thus, for a given pressure, the diameter
was larger than the baseline. Under in vivo operating condition,
this change led to a slight increase in the LV and aorta pressure
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FIGURE 5 | Pressure in LV, aorta, and LA during cardiac cycle for different aorta constituent mass fractions and active tone (Pgg and Pgp are respectively, the

at ES than the baseline (Figures 4B,C). On the other hand, LV
and aorta pressure at ED decreased without the active tone
(Figures 4B,C), resulting in an increase in the aortic pulse
pressure compared to baseline (Figure 5).

Effects of a Change in LV contractility
Reducing LV contractility (Tyqx) led to a decrease in its peak
systolic pressure, end systolic volume and EF (Figure 6A).
Pressure also dropped accordingly (Figure 6B) in the aorta
together with the peak stress (Figure 6C). With a reduction in
LV contractility by 50% (from 200.7 to 100.4 kPa), aorta peak
stress was reduced by about 50% compared to the baseline case
(from 214 to 110 kPa). The stress was calculated as a root of
the sum of the square of all components of the Cauchy stress
tensor. Reducing LV contractility also led to changes in the aorta
diameter. As a result of lower LV contractility, the aortic pressure
decreased that led to less expansion and a decrease in both its
ED (from 24.0 mm in baseline to 22.5mm in case C;) and ES
diameter (from 27.5 mm in baseline to 27.0 mm in case C,).

Effects of a Change in LV Passive Stiffness
Increasing the LV passive stiffness (parameter C) in Equation
(12a) led to a stiffer end diastolic pressure—volume relationship
that was accompanied by a reduction in preload, peak systolic
pressure, and EF (as end systolic volume remained nearly
unchanged) in the chamber (Figure 7A). These changes were
translated to a decrease in aortic pressure and peak stress
(Figures 7B,C) as well as a reduction in its ED (from 24.0 mm in

baseline to 22.4 mm in case P,) and ES (from 27.5 mm in baseline
to 27.1 mm in case P;) diameters.

DISCUSSION

Finite element models of the LV have been widely used in
the literature to study its mechanics as well as organ-scale
physiological behaviors in the cardiac cycle (Usyk et al., 2002;
Kerckhofs et al., 2007; Lee et al., 2016; Xi et al., 2016; Shavik et al.,
2017). In these models, the aorta is usually represented within
the lumped parameter circulatory model by its electrical analog,
which cannot separate the effects its geometry, microstructure,
and constituents’ mechanical behavior have on the LV’s operating
behavior in vivo and vice versa. To the best of our knowledge,
this is the first computational modeling framework in which FE
models of the aorta and LV are coupled in a closed-loop fashion.
This framework enables us to take into detailed account of the
geometrical, microstructural, and mechanical behavior of the LV
and aorta. We have shown here that the coupled LV—aorta FE
framework is able to capture physiological behaviors in both the
LV and aorta that are consistent with in vivo measurements.
We also showed that the framework can reasonably predict the
effects of changes in geometry and microstructural details the two
compartments have on each other over the cardiac cycle.

Using a detailed FE model of the aorta has enabled us to
separate the contributions of the key load bearing constituents
(elastin, collagen fibers, and SMCs) have on its mechanical
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aorta. Contractility decreases in the following order: Baseline, C4, Co.

behavior. The aorta FE model predicted a pressure—diameter
response in which the mechanical behavior of each constituent is
clearly detectable (Figure 2A). For instance, mechanical behavior
of aorta at lower diameter range (low stretch) is relatively
compliant as it is largely endowed by elastin, but exhibits a very
stiff behavior at the higher diameter range (high stretch) when
more collagen fibers are recruited. The behavior is consistent
with previous experimental studies (Roach and Burton, 1957;
Schriefl et al., 2012; Kohn et al., 2015). The pressure—diameter
relationship predicted by our model (Figure2A) resembled a

S-shaped curve with a very stiff response after the inflection point
that is a typical feature of large proximal arterial vessels (Bader,
1967; Towfiq et al., 1986).

Our model predicted that an increase in aortic wall thickness
led it to become more constricted with smaller ED and ES
diameter under in vivo operating conditions when coupled to
the LV in our modeling framework (Figure 2C). Systolic blood
pressure and pulse pressure in the aorta increased as a result,
and was accompanied by a reduction in stroke volume and
an increase in LV peak systolic pressure (Figure 2B). Although
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previous vascular studies suggest that an increase in arterial  hypertension and atherosclerosis. Similarly, our model predicted
wall thickness (that may be accompanied by an increase in  thatan increase in aortic wall thickness by 70% elevates the aortic
stiffness) is a result from an increase blood pressure during  pressure over the hypertensive range (>140 mmHg) (Figure 3).

aging, more recent evidence have suggested that stiffening is Changes in the aorta microstructure is a feature of
a cause for the increase in blood pressure in which a positive  pathological remodeling as well as aging. In the systemic
feedback loop between them proceeds gradually (Humphrey  vasculature, the proximal aorta has a compliant behavior that
et al., 2016). These features are consistent with those found in  helps to keep the systolic blood pressure down. With aging,
clinical and experimental studies. Specifically, it has been found  however, elastin degenerates and is replaced (i.e., compensated)
that the mean aortic wall thickness increases with age (Li et al., by collagen in the aorta wall (Schlatmann and Becker, 1977;
2004; Rosero et al., 2011) in human, which increases the risk of =~ Tsamis et al., 2013; Kohn et al, 2015). Consequently, the
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collagen fibers bear more of the load that substantially increases
the aorta wall stiffness, especially at high stretch. A stiffer
aorta leads to many adverse effects including elevated systolic
and pulse pressure during ejection, faster decay in the aortic
pressure waveform during diastole, and an increase in ventricular
afterload that reduces the LV EF (Borlaug and Kass, 2011).
These behaviors are all captured in our framework when
collagen and elastin mass fractions were increased and decreased,
respectively. Specifically, these microstructural changes led to
a reduction in EF (Figure4B) and an increase in the aortic
systolic and pulse pressure with a faster decay of aortic
pressure waveform (Figure 5). Our framework also predicted
that the aorta underwent more expansion in vivo and have a
larger operating diameter when collagen mass fraction increases
(Figure 4C), which is another key characteristic of aging (Bader,
1967; Mao et al., 2008; Craiem et al., 2012). Interestingly, changes
in the aorta collagen mass fraction (that lead to it stiffen at
high stretch) also affects the shape of the LV pressure volume
loop (Figure 4B, case M). Specifically, a rapid steepening of the
LV pressure-volume curve near end-of-systole is predicted by
our model when collagen mass fraction is increased. This result
suggests that the shape of the LV pressure-volume loop may also
reflect, to some extent, the accumulation of collagen fibers in the
aorta during remodeling.

Our framework also predicted how changes in the contractility
and passive stiffness of the LV affects the aorta function.
A decrease in LV contractility led to lower LV EE lower
aortic systolic and pulse pressures, as well as a reduction in
the aorta peak stress during the cardiac cycle (Figure6). A
change in contractility (or inotropic state of the myocardium)
produced expected changes (Katz, 1988; Burkhoff, 2005) in the
LV pressure—volume loop and aortic pulse pressure. Similarly,
the model predicted results from a change in the LV passive
stiffness that are consistent with experimental observations
(Figure 7). With increasing passive stiffness, LV EF decreases and
is accompanied by a corresponding decrease in aortic systolic and
pulse pressure, as well as peak stress. A change in the passive
stiffness of LV (due to such as an alteration in lusitropy), also
shows similar changes in the LV pressure—volume loops (Katz,
1988; Burkhoff, 2005) as well as the aortic pressure.

Most clinical studies focus either on the behavior of the LV or
aorta. While a number of studies have investigated ventricular—
arterial coupling (Kawaguchi et al., 2003; Borlaug and Kass, 2011;
Antonini-Canterin et al., 2013; Ky et al., 2013), simplified indices
(such as the ratio of end-systolic volume to stroke volume)
were used in them to describe this coupling. It is, however,
impossible to separate the contribution of microstructure,
mechanical behavior, and geometry of the aorta (e.g., diameter
or thickness) and LV to any changes in ventricular—arterial
coupling. The framework described here helps overcome this
limitation and may be useful for developing more insights of
the ventricular—arterial interaction. This framework will be
extended in future to include the pulmonary vasculature for
a more complete understanding of the interactions between
the heart and vasculature under different physiological or
pathological conditions.

MODEL LIMITATIONS

We have shown that our coupled LV-aorta FE modeling
framework is capable of predicting behaviors that are consistent
with measurements. There are, however, some limitations
associated with our model. First, idealized geometries were
used to represent the aorta and LV models. The idealized
half-prolate geometry of the LV used here neglected any
asymmetrical geometrical features while the aorta geometry was
also simplified and had uniform wall thickness. Because wall
thickness decreases slightly along the aorta (Mello et al., 2004), its
displacement with the given material parameters may be under-
estimated. Second, we have assumed homogeneous material
properties in our models. Given that studies have suggested
that the mechanical properties may be inhomogeneous in the
aorta (Kermani et al, 2017) and LV (Khokhlova and Iribe,
2016), the prescribed material parameters are bulk quantities.
While thoracic aortic wall thickness and its stiffness varies,
previous experimental studies reported that the aortic structural
stiffness (product of intrinsic stiffness and aortic wall thickness)
is relatively uniform in the circumferential and longitudinal
directions (Kim and Baek, 2011; Kim et al., 2013). Third, the
dynamical behavior of fluid and its interaction with the vessel
wall were neglected here, and as such, the framework did not
take into account the spatial variation of pressure waveform
along the aortic tree and shear stress on the luminal surface
of the vessel. However, we do not expect this limitation to
severely affect our result because wall shear stress in the human
aorta (~50 dyn/cm2 or 0.037 mmHg) (LaDisa et al., 2011)
is substantially lower than the pressure (normal stress) (60-
120mm Hg), and the arterial pressure increases by only about
10% from the ascending to the abdominal aorta (Smulyan and
Safar, 1997). Fourth, a rule based myofiber orientation in which
the helix angle varies linearly across the myocardial wall was
used to describe the LV microstructure. Fifth, remodeling of
the aorta and LV was simulated by directly manipulating the
parameters without consideration of any growth and remodeling
mechanisms. Last, we have considered only systemic circulation
in this model and ignored the presence of the right ventricle
and pulmonary circulatory system that may affect LV and aorta
mechanics.
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We propose a detailed CellML model of the human cerebral circulation that runs faster
than real time on a desktop computer and is designed for use in clinical settings
when the speed of response is important. A lumped parameter mathematical model,
which is based on a one-dimensional formulation of the flow of an incompressible
fluid in distensible vessels, is constructed using a bond graph formulation to ensure
mass conservation and energy conservation. The model includes arterial vessels
with geometric and anatomical data based on the ADAN circulation model. The
peripheral beds are represented by lumped parameter compartments. We compare the
hemodynamics predicted by the bond graph formulation of the cerebral circulation with
that given by a classical one-dimensional Navier-Stokes model working on top of the
whole-body ADAN model. Outputs from the bond graph model, including the pressure
and flow signatures and blood volumes, are compared with physiological data.

Keywords: cardiovascular system, circulation model, bond graph, CellML, OpenCOR, ADAN model, 0D model,
blood flow

1. INTRODUCTION

Two challenges for biophysically based physiological modeling are to link the model parameters to
patient-specific data and to make the models fast enough to become useful and accessible both, to
reach a wide community of users, and to fit a clinical setting. For the prediction of pressure and flow
in the patient-specific vascular system there is also the need to “close the loop” to ensure continuity
of blood flow, and this requires a systems level model that includes arteries, veins and the capillary
networks within specified tissue beds. The appropriate level of granularity for a model depends
of course on the clinical or scientific question being studied. Available formulations for blood
flow include three-dimensional (3D) FSI models (Heil and Hazel, 2011; Brown et al., 2012), rigid
domain 3D fluid models (Shojima et al., 2004; Cebral et al., 2005), one-dimensional (1D) models
(Reymond et al.,, 2009; Blanco et al., 2014), and zero-dimensional (0D) or “lumped-parameter”
models (Korakianitis and Shi, 2006). In this paper we address the issue of execution time and the
question of granularity in the context of a model of the cerebral circulation which will make it
possible to model the exchange of solutes between blood and various tissue beds under conditions
where vasodilation can also occur.
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The analysis of pressure and flow in the vascular system is
usually based on the incompressible direct Navier-Stokes (DNS)
equations that ensure mass conservation and energy balance. We
assume laminar flow since the Reynolds numbers are below the
transition to turbulence in our example. The model parameters
for the incompressible fluid considered here, blood, viscosity,
and density, are both well understood and measurable. The
compliance of the vessel wall is described by a constitutive
relation that links the vessel diameter (and temporal deformation
rate in the case of viscoelastic vessel wall models) to the fluid
pressure. 1D blood flow equations are derived from 3D DNS
by assuming negligible radial flow and integrating axial fluid
velocity over the vessel cross-section. Moreover, an additional
assumption must be made about the time-varying radial profile
of the axial velocity. For a steady state well developed flow, such
profile is of course parabolic, but a more realistic assumption
is a flatter-than-parabolic profile, which then requires at least
one more empirical parameter to be specified (Hunter, 1972).
These empirically determined parameters imply that, given the
uncertainty in geometrical and biophysical parameters for the
patient specific modeling, there is always uncertainty in the
predicted pressure and flow results and the need to include
computationally expensive fluid calculations (e.g., solving 3D
DNS) must be balanced against this uncertainty.

The primary goal of this paper is to compare flow and pressure
waveforms predicted by a 1D blood flow model, consisting of
partial differential equations, with the output of a bond graph
based model, which generates a system of ordinary differential
equations (ODEs) that can be solved approximately 200x faster
than the 1D model and at close to real time on a desktop
computer. The model used here is based on the ADAN cerebral
circulation model (Blanco et al,, 2015), along with a relatively
simple model of flow through the heart and lungs, as an example.
The results show the bond graph solution to be within 5% of the
1D model solution for flow and pressure at every point in the
cerebral circulation model.

This paper is organized as follows. In section 2.1, the
bond graph method is introduced and various components are
presented. In section 2.2, the architecture of the cardiovascular
system model is described. The software, model structure and
simulation setup are presented in the section 3.1. The simulation
results of the bond graph arterial model (open-loop) and
comparisons against the 1D model are presented in section 3.2
and section 3.3. Then the simulation results for the closed-loop
bond graph model of the cardiovascular system are demonstrated
in section 3.4. Finally, concluding remarks and future works are
outlined in section 4.

2. MATERIALS AND METHODS

2.1. Bond Graph Approach

The bond graph approach to formulating models dealing with
mass and energy transfer was developed by Henry Paynter in the
1960s to represent electro-mechanical control systems (Paynter,
1961). It was later extended to include chemical processes
by Breedveld (1984), including concepts from the theory of
network thermodynamics by Aharon Katchalsky and colleagues
(Oster et al., 1971). Papers by Peter Gawthrop and Edmund

Crampin have brought the approach into the bioengineering
domain (Gawthrop and Crampin, 2014; Gawthrop et al., 2015a,b;
Gawthrop and Crampin, 2016).

The first key idea, based on recognizing that energy and
power are the only quantities that are common across different
physical systems, is to separate energy transmission from
storage and dissipation, and to provide the concept of potential
(called “effort” in the engineering literature) with units of
Joules per some_quantity as the common driving force behind
the flow of that some_quantity per second. The product of
potential and flow is then always power in units of Joules
per second. The “some_quantity” has units of meters, meters,
Coulombs, Candela, moles, or entropy for, respectively, rigid
body mechanics, continuum mechanics (including fluid flow),
electrical, electromagnetic, chemical, and heat transfer processes.
As explained further below, the second key concept is that of a 0-
junction, where potential is defined and mass balance is applied,
and a I-junction, where flow is defined and energy balance is
applied. The extraordinary utility of these concepts is to recognize
that Kirchhoft’s voltage law in electrical circuits, Newton’s force
balance in a mechanical system, and stoichiometric balance in
a biochemical system, are all just different manifestations of
the same underlying principle of energy conservation and can
therefore be represented by the same bond graph equation.

2.1.1. Units

Many physical systems can be described by a driving potential
expressed as Joules per unit of some quantity, and a flow
expressed as that quantity per second. The quantity could be
coulomb, meters, moles, etc., in different physical systems. The
power is always the product of the driving force and the flow
expressed as Joules per second. The seven units of the SI system
under the newly proposed definitions are now based on constants
that are consistent with the use of Joules and seconds (together
covering energy and power), meters, moles, entropy, Coulombs,
and Candela. Table 1 in Supplementary Material displays the
bond graph concepts in the fluid mechanics domain.

2.1.2. Bond Graph Formulation

In bond graph formulation, there are four basic variables. In
the fluid mechanics domain these are given by: potential w is
energy density or pressure (Jm~3), flow v is volumetric flow
(m3.s71), time integral of potential p is momentum (J.s.m™3)
and time integral of flow g is quantity or volume (m?). Product
w.v is power (J.s~!) which is a generalized coordinate to model
the complete systems residing in several energy domains. A
bond with covariables u and v is therefore used to represent
transmission of energy. The bond represents a mechanism for the
transmission of energy and power, and the arrow head indicates
the assumed direction of power flow (see Figure 1). The flow v
and potential 1 must satisfy conservation laws.

There are also the concept of 0-junction and 1-junction for
conservation laws. The 0-junction defines a common potential
w which ensures that the potential is identical at each port and
imposes mass conservation constraint based on v. The I-junction
defines a common flow v which ensures that the flow is identical
at each port and imposes energy conservation constraint based on
w. Since sum of the flows is zero with p constant for 0-junction

Frontiers in Physiology | www.frontiersin.org

23

March 2018 | Volume 9 | Article 148


https://www.frontiersin.org/journals/physiology
https://www.frontiersin.org
https://www.frontiersin.org/journals/physiology#articles

Safaei et al.

Bond Graph Model of Cerebral Circulation

1 (J/m?3)
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FIGURE 1 | Representation of energy bond.

and sum of the potentials is zero with v constant for I-junction,
the transmission of power through junction is conserved for both
kinds of junctions, that is:

Zu.v =0.

2.1.3. Bond Graph Elements

Bond graph formulation is a graphical notation for the set
of linear constraint equations (the conservation laws), but the
constitutive relations (to be addressed next) can be nonlinear.

(1)

2.1.3.1. R-element

Energy p can be dissipated by a resistor R in proportion to the
flow v with an empirical relation which can be a simple linear
relation such as Equation 2 or a complex nonlinear relation:

U = UR. (2)

In the fluid mechanics systems, the R-element represents the
viscous resistance in opposition to the blood flow and for a
cylindrical vessel can be analytically calculated using Poiseuille
relation:

8vl

ﬁ> (3)

where v is the blood viscosity, [ is the vessel length and r is the
vessel radius.

2.1.3.2. C-element

Energy p can be stored statically by a capacitor C without
any loss. In the bond graph terminology, a one-port capacitor
relates energy to the quantity g or time integral of flow by an
empirical relation such as Equation 4. The C-element stores g by
accumulating the net flow v to the storage element:

; (4)

(5)

in which the dot stands for time derivative. In the fluid mechanics
systems, and particularly in the cardiovascular system, the C-
element represents the vessel wall compliance and can be
calculated from blood vessel properties. For a homogeneous
linear elastic material and for a cylindrical vessel, the compliance
is characterized as follows:

i=v,

2.1.3.3. I-element

Energy p can be stored dynamically by an inductor I without any
loss. In bond graph formulation, a one-port inductor relates flow
to the momentum p or time integral of potential by an empirical
relation such as Equation 7. The I stores p by accumulating the
net potential  to the storage element.

v= 3’, )
p=n ®)

In the fluid mechanics systems, the I-element is used to model
the mass inertial effects in a pipe and can be defined for straight
cylindrical vessels as:

pl

1=+
ar?’

)
where p is the blood density and [ is the vessel length.

Figure 2 shows the relation of the state variables to the
constitutive relations.

2.1.4. Causality

Causality establishes the cause and the effect relationship. It
specifically implies that either the potential or flow variable
on that bond is known. Causality is generally indicated by
a causal stroke at the end to which the potential receiver is
connected. Elements which store or dissipate energy do not
impose causality on the system, but they have preferred causality
for computational reasons. These elements with their preferred
causality are shown in Figure 3.

In the bond graph approach, junctions interconnect the
corresponding elements and constrain the possible causalities of
the element ports connected to it. A 0-junction can only have one
potential output. In a similar way, a I-junction can only have one
flow output. Figure 4 illustrates causality in four-port 0-junction
and I-junction.

2.1.5. Vessel Segments
In this section, we developed a library of bond graph elements for
modeling the blood flow in distensible vessels. The modularity of
the bond graph approach enables us to develop a wide range of
elements and incorporate them into the model based on a set of
assumptions. There are four basic types of elements for a vessel
segment depending on whether potential or flow BC is prescribed
at the inlet and the outlet (see Figure 5). Each vessel segment is
represented by a parallel combination of one C-element and a
series combination of one R-element and one I-element. The C,
R, and I represent the vessel wall compliance, the viscous friction
and the inertia of the blood, respectively. These elements are
interconnected by a 0-junction for same blood pressure and a
I-junction for the same blood flow.

The set of equations for puv-type (see Figure5A) after

3
— 2y l) (6) rearrangements is:
hE
. U — Uout
where E is the Young’s modulus and 4 is the vessel thickness. h=—c" (10)
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FIGURE 2 | State variables and constitutive relations in the bond graph
approach.
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FIGURE 3 | Preferred causality for R, C, and / elements.
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FIGURE 4 | Causality in four-port O-junction and 1-junction.

Hin — 0 — UR

i (11)

U

Also a similar set of equations can be derived for vu-type (see
Figure 5B). For pu-type (see Figure 5C) we have:

v —uy

= c (12)

Dzﬂin—M—U(R/z)) (13)
1/2

od:M_Mout_Ud(R/z)- (14)

1/2

In a similar way, we can write the equations for vu-type (see
Figure 5D).

2.1.6. Viscoelastic Vessel Wall

The bond graph representation makes it very easy to implement
the viscoelasticity effect of the vessel wall into the model. Two
common existing models in the literature are the Voigt model
and the Maxwell model. A more sophisticated model is the
generalized model developed by Westerhof and Noordergraaf
(1970). However, the generalized model is complex and

computationally expensive to solve, and for this reason we chose
the Voigt model to represent the viscoelastic effect of the vessel
wall in this work. The classical Voigt model in mechanical
symbols is shown in Figure 6.

Bond graph representation of the Voigt model is illustrated in
Figure 6. By taking advantage of the modular nature of the bond
graph technique we can easily plug in the Voigt model into any
configuration of the vessel elements described before. Figure 6
shows the viscoelastic ;v-type element. The governing equations
for this element are described below:

w =ty + (U = Vour) Ry, (15)
. UV — U,
[ty = Tt (16)
imn — L — UR
0= w (17)

As can be seen, by adding only one equation to the basic set of
equations we can take into account the viscoelastic effect of the
vessel wall. Using a similar approach, other basic elements can
also be equipped with the viscoelastic effect accounted for by C,.

2.1.7. Junctions

The 0-junction is a powerful concept in the bond graph approach
that allows us to model the splitting or merging flows in
blood vessels. It satisfies the conservation of flow and also
imposes a common potential on all the branches to make sure
pressure is continuous throughout the junction, which is a good
approximation of branching in arterial vessels. It is important to
know that only pv-type and vu-type elements can be used as
the parent vessel in a junction. In a similar way, only puv-type
and pu-type elements can be implemented as daughter vessels
in a junction. These restrictions are due to arranging compatible
segment types into a structure, with inlets and outlets coupled
appropriately in the sense that BCs are settled by the state of their
adjacent compartments.

2.1.7.1. Splitting flow

In the splitting flow junctions, a 0-junction represents the
separation point at the end of the parent vessel and the daughter
vessels are connected via this port to the parent vessel (see
Figure 7).

We created another element specifically for splitting flow
junctions and called it pv-split-type. To implement the splitting
flow junction, only the parent vessel element needs to use puv-
split-type and the daughter vessels remain basic pv-type. The
governing equations for this element type are stated below:

1 2

v—vU —vU
= — 18
7 C (18)

in — L — UR
0:%) (19)

where v! and v? are the daughter branches flow.
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FIGURE 5 | Different configurations of bond graph model for a vessel segment, (A) the p.v-type has inlet pressure BC and outlet flow BC, (B) the vu-type has the
reversed characteristics, (C) coupling these two configurations with the C in the middle gives us a pu-type with inlet and outlet pressure BCs. The R and / values are
divided equally between the two resistors and two inductors at both ends, (D) coupling these two configurations with the R and / in the middle gives us a vu-type with
inlet and outlet flow BCs. The C-value is divided equally between the two capacitors at both ends.
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FIGURE 6 | Mechanical representation of the Voigt model consisting of a parallel arrangement of a spring C and a dash pot Ry, which represent elastic, and viscous
material behavior, respectively.

2.1.7.2. Merging flow O = w) 21)
In the merging flow junctions, a 0O-junction represents the I

adjoining point at the beginning of the parent vessel and the

daughter vessels are connected via this port to the parent vessel . U — Uyt

(see Figure 8). Ha=""cn (22)

We created another element specifically for merging flow
junctions and called it uv-merge-type. To implement the merging ~ where v} and v7 are the flows through the daughter branches.
flow junction, only the parent vessel element needs to use vv-
merge-type and the daughter vessels remain basic 1uu-type. The ~ 2.1.8. Peripheral Circulation

governing equations for this element type are stated below: The cumulative effects of all distal vessels (small arteries,
X ) arterioles, and capillaries) at terminal locations of the truncated

= I (20) arteries are modeled using RCR Windkessel elements (Westerhof

C/2 ’ et al., 1969; Stergiopulos et al., 1992). For this purpose, a bond
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graph model of the RCR element is developed and attached to
a pu-type element to create a special bond graph element -
BC-type for terminal vessels. RCR element contains a proximal
terminal resistance Rrp in series with a parallel arrangement of a
terminal capacitor Cr and a distal terminal resistance, Rrp (see
Figure 9).

The governing equations for the j11t-BC-type element are:

U —uy

=—c (23)
—pw—uR
b= Win — 0 — U i (24)
I
Md
Vg — Ri
. TD
= , 25
e Cr (25)
RI CI
-:_HUZJUL

W= d — Hout

26
Rep (26)

Vg =

2.2. Cardiovascular System

The cardiovascular system is composed of three parts - heart,
systemic circulation loop, and pulmonary circulation loop. In this
section, we briefly explain how these components are modeled
using the bond graph approach. Table 2 in Supplementary
Material shows the bond graph elements that have been
developed for modeling blood flow in the cardiovascular system.
Based on the assumptions and locations, we import vessel
segments with the appropriate element type as a new module and
connect it to the system.

2.2.1. Pulmonary Circulation

The pulmonary circulation is modeled as described in Blanco and
Feijoo (2013). We divide it into 2 main compartments, arteries
(par) and veins (pvn). The arteries are highly elastic and the flow
is pulsatile in these compartments, so the resistance, compliance
and inductance effects must be considered and vpu-type is the
most suitable bond graph element based on the prescribed
BCs. Veins also are modeled using the vu-type element (see
Figure 10).

2.2.2. Systemic Circulation
The systemic circulation loop consists of a reduced version
of the ADAN model Blanco et al. (2014, 2015) and the
veins compartment which is similar to the pulmonary veins
compartment. Such a reduced version of the ADAN model is
composed of a 218-segment arterial model which consisted of
the integration between the ADAN-86 model (Safaei et al., 2016)
and the anatomically detailed cerebral vasculature of the ADAN
model Blanco et al. (2015). Figure 11 displays the entire model
with a detail of the cerebral vasculature.

We constructed a bond graph model using the geometrical
properties of the ADAN model (i.e., vessel radius and wall

FIGURE 8 | Bond graph model for a merging branch.
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FIGURE 9 | Bond graph model for an RCR terminal.

Hin _»II l:v —>» 0:/1 _l_>| 1:1)11 H/luul \

----------------- ST
I \ EOZIII(I I'§_>CT / RTD :: CT
\ L-.}.-J /
\
\RTD /
N

thickness). Figure 12A,B illustrate the bond graph model of the
systemic arteries and cerebral circulation, respectively.

2.2.3. Heart

The heart is modeled as a four-chamber pump with variable
elastance and four valves: tricuspid valve, pulmonary valve,
mitral valve and aortic valve. The basic pressure-flow relation
in each valve is represented with an orifice model which is
an advancement over the diode models (Korakianitis and Shi,
2006). The left and right atria and ventricles are modeled as
capacitors with time-varying elastance which is a function of the
characteristic elastance and an activation function. The activation
function represents the contraction and relaxation changes in
each cardiac chamber (see Figure 10).

2.2.3.1. Ventricles

The left ventricle is represented by a special type of C-element
which has a time-varying compliance function Cy, (). vy, and vy,
represent flow through the mitral and aortic valves, respectively,
q1y is the blood volume and pi;, is the blood pressure inside the left
ventricle. The differential equations governing the left ventricle
model are as follows:

dly = Vg — Ul (27)
qw — 4y,

= — 28

My Clv(t) ( )

where g refers to the dead volume of the chamber. The time-
varying compliance function Cj, (t) is the inverse of time-varying
elastance function Ej,(t) and it has been used so as to be
consistent with the basic C-element constitutive relation:

Ci(t) = (29)

Elv(t) ’

E,, () is a function of the characteristic elastance and an activation
function e, (t):

Ey(t) = Ej, + e, (1)E],. (30)

Here, Eﬁ} and Eﬁ are the amplitude and baseline values of
the elastance, and e, (t) is the ventricle activation function and
expresses the contraction and the relaxation changes in the
ventricular muscle:

1 t
—|l—cos|m— )], 0<t=<Ty
2 Ty

—1]1 t—T,
eV(t)_ E |:1+COS (ﬂg)]) Tye <t < Tye+ Ty

vr

0, Tye+ Ty <t<T

(31)
where T is the duration of a cardiac cycle. T,, and T,
represent the durations of contraction and relaxation of
the ventricles, respectively. The right ventricle is also
modeled in a similar manner to the left ventricle model,
with different values for system parameters (see Table 3 in
Supplementary Material).

2.2.3.2. Atria

The bond graph model of the atrium is also developed in a
similar way to that of the ventricle. The only difference is that the
atrium activation function which expresses the contraction and
the relaxation changes in the atrial muscle. For the left atrium
eq(t) is:

1 t+T—t

— |1+ cos rru , 0<t<ty+4+T,—-T

2 Tar

0, tar + Tor — T < t <ty
eq(t) =
’ l 1 — cos rr(titM) toe <t <tge+ T

2 Tuc > ac — tac ac

1 t— 1,

f|:1+cos(7t(7m))], tac + Toe <t <T

2 ar

(32)

where T, and T,, are the durations of contraction and relaxation
of the atria, and t,. and ¢, represent the times when the atria start
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FIGURE 10 | Schematic of the cardiovascular system.

to contract and relax, respectively. An analogous relation applies
to the right atrium activation function.

2.2.3.3. Valves

Heart valves are modeled by a special type of R-element which
instead of the conventional constitutive relation (Equation 2),
uses a nonlinear pressure-flow relation of the orifice model. For
the aortic valve we have:

Uy = RaoWaov/ Lty — Moot s

where vy, is the blood flow through the aortic valve, p, is the
blood pressure inside the left ventricle, (4,00t is the blood pressure

(33)

in the aortic root, R, is the aortic valve resistance, and o, is the
aortic valve opening coefficient. Depending on which side of the
valve has higher pressure, the coefficient o, can switch between
fully closed and fully open states:

1>
Ogo = 0,

The rest of the valves are modeled in the same way with different
system parameters (see Table 3 in Supplementary Material).

MKy = Hroot
Uiy = Kroot

(34)
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FIGURE 11 | Anatomically Detailed Arterial Network (ADAN) model with detail of the cerebral vasculature. The varying colors represent the vessel radii.

2.2.4. Physiological Data
The geometrical parameters of the 218 arteries were prescribed
based on the data reported in Blanco et al. (2015). Vessel wall
thickness h is calculated using the following relation:
h = ry(ae 4 ce), (35)
where r, is the lumen radius. a, b, ¢, and d are the fitting
parameters (see Table 3 in Supplementary Material). The elastic
modulus of the arteries were calculated from Blanco et al
(2015). The viscoelastic wall properties are calculated using the
relationship between the Voigt model components (Westerhof
and Noordergraaf, 1970):

(36)

where R, is the viscous damping of the wall, C is the vessel wall
compliance evaluated using Equation 6, and f is the time constant
for stress relaxation (see Table 3 in Supplementary Material). The
peripheral resistances (Rrp and Ryp) and compliances (Cr) were
derived from Blanco et al. (2015). The parameters used in the
heart, pulmonary loop and venous system have been assigned
or estimated based on the data reported in Liang et al. (2009)

and Blanco and Feijéo (2013). The cardiac valve model and the
parameters have been adopted from Korakianitis and Shi (2006)
(see Table 3 in Supplementary Material).

3. SIMULATIONS AND RESULTS
3.1. OpenCOR Simulation

OpenCOR  (opencor.ws) is an open modeling
environment that works on Windows, Linux and OS X and
can be used to organize, edit, simulate and analyse models
of ODEs or differential algebraic equations encoded in the
CelIML format (Garny and Hunter, 2015). It relies on a modular
approach, which means that all of its features come in the form
of plugins. The bond graph model of the cardiovascular system
has been developed using OpenCOR in four separate CellML
files:

source

3.1.1. BG_Modules.celiml

This file is the bond graph library and the elements listed in
Table 2 in Supplementary Material including all the governing
equations exist in this file. The modules defined in this file can be
imported into the main file to represent a specific vessel segment
or any other element in the fluid mechanics domain.
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FIGURE 12 | (A) The bond graph model of the ADAN-86 model, (B) the bond graph model of the ADAN-brain model. These two models are detached in this figure
for clarity.

{ Main.cellml )

( ;} R ) import 5
<R Units.cellml
output mapping 1,0 import
vessel 1 | < >| modulevessel 1 | < E (BG_Modules.cellmD
B / g \ import
environment | " ey knecna) S Parameters.cellml
Y
. A P 4
output mapping 1, import
vessel 2 | < >| modulevessel 2| < P (BG_Modules.cellmD
\ 4

FIGURE 13 | Overall structure of the cardiovascular system model showing the CellML model imports and the other key parts (units, components, and mappings) of
the top level CellML model.

3.1.2. Parameters.cellml 3.1.4. Main.cellml

All the parameters have been defined in this file. These  This is the executable file which runs the simulations using
parameters include the geometric properties of all the ADAN  OpenCOR software. It imports all the required modules and
vessels (length, radius, thickness, Young’s modulus), resistance  contains the information about the model structure, elements
and capacitance at the ADAN terminal locations, and all the  connectivity, and mappings between different components.

system parameters for the heart and the pulmonary circulation Figure 13 shows schematically how components are
path models. connected and communicate with each other. The full model is

made publicly available at https://models.physiomeproject.org/
3.1.3. Units.cellml workspace/4ac.

The basic units are implemented in CellML inherently,

while any alternative unit system required needs to be 3.2. One-Dimensional ADAN Model
constructed. This file contains all the constructed units in  As stated at the beginning of this work, one of the primary goals
the bond graph approach that have been used in the present  in this contribution is to provide a comparison of the predictions
model. delivered by the bond graph model and the predictions of the
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complete ADAN model. The latter is therefore regarded as a
reference solution in the present context, and will be referred
simply as the “ADAN solution.”

The ADAN model incorporates 2, 142 arterial vessels (yielding
overall over 4, 000 arterial segments), 1,598 of which have a well
determined name according to the Anatomical Terminology.
The disposition of these vessels correspond to a generic male
individual of approximately 1.7 m in height. The model supplies
blood to 28 specific organs, plus the supply to 116 vascular
territories which accommodate the distributed organs. Each of
these territories packs the bones, nerves, muscles, fascia and
skin. The ADAN model also includes the additional vessels
reported in Blanco et al. (2016). As for the calibration, peripheral
resistances are determined according to the peripheral blood
flow distribution reported in Blanco et al. (2014), while the
calibration of arterial vessel behavior (including elastin and
collagen constituents as well as viscoelastic phenomena) follow
Blanco et al. (2015). The inflow condition is defined below.
Finally, blood density and viscosity are taken to be
0.004 J.s.m™> and p = 1040 J.s>.m™>. Finally, the 1D equations
for modeling the flow of an incompressible fluid in compliant
vessels and the numerical technology employed to solve these 1D
equations are reported in Miiller and Blanco (2015) and Miiller
et al. (2016a,b).

The ADAN model was simulated for 10 s, and the results of the
last cardiac cycle are considered in the comparisons performed in
next section.

3.3. Open-Loop Bond Graph Model vs.
ADAN Model

In this first case, we are comparing the results of the bond graph
arterial model (open-loop) for ADAN (see Figure 12) with the
reference solution provided by the ADAN 1D model. All the
parameters incorporated in the bond graph arterial model for this
simulation are adopted from the ADAN 1D model. The inflow
BC at the aortic root is prescribed using the flow curve shown in
Figure 14A acquired from Blanco et al. (2014). Overall, pressure
and flow rate waveforms as predicted by the bond graph model
aligns closely with the ADAN solution. Qualitative comparisons
of pressure and flow waveforms at different arterial locations
are given in Figure 14. A quantitative assessment of the relative
error is performed by computing the root mean square of the
error (RMSE) of the predicted waveforms compared with ADAN
solution.

In the main aortic segments, the pressure and flow waveforms
are very similar to the ADAN solution in the aortic root,
thoracic aorta, and proximal abdominal aorta. In the lower and
upper limbs, waveform predictions at the femoral and radial
arteries are in agreement with ADAN solution, however by
refining the model and increasing the number of bond graph
modules in the peripheral arteries we would be able to obtain
a better match. Regarding the cerebral circulation, the pressure
and flow waveforms predicted by the bond graph model are
compared with ADAN solution in the internal carotid artery,
vertebral artery, prefrontal artery, middle cerebral artery, anterior
cerebral artery, posterior cerebral post-communicating artery,

and posterior parietal artery. We observe that, the amplitude and
shape of the pressure and flow waveforms in the cerebral arteries
are well captured by the bond graph model.

3.4. Closed-Loop Bond Graph Model

Now the case in which we have a closed-loop bond graph model
is simulated (see Figure 10). The model was run for ten cardiac
cycles (T 1 s) using a 0.001 s time step, with tolerance
10~7 and CVODE solver. For the full model with 258 modules
(244 modules for ADAN, 8 modules for the heart, 3 modules
for pulmonary and systemic circulation loops), the computation
took about 23 s, which is near real-time simulation. With a
simpler model (only ADAN-86 without ADAN-brain), the same
simulation takes 5 s which is faster than real-time simulation. The
simulation time has been measured within OpenCOR, running
on a Linux Ubuntu 17.10 machine with Intel® Core i7-6820HK
Processor @ 2.70 GHz.

One cardiac cycle of the cardiovascular system model already
in the periodic state is visualized in Figure 15.

4. DISCUSSION AND FUTURE WORK

In this paper, we have used the bond graph concept for
constructing 0D models. We utilized the bond graph formalism
to assemble a system of ODEs in a structured way that satisfies
mass and energy conservation for flow in an anatomically
detailed model of the cerebral circulation. The most important
feature that the bond graph approach provides is the sub-
division and reticulation of a network, which is equivalent
to the system decomposition or disaggregation, facilitating the
introduction/application of hierarchical modeling concepts. We
have compared the predicted flow and pressure at a number of
points in the vascular model against the solution delivered by a
1D blood flow model and, as an illustrative proof-of-concept, we
have shown that the pressure and flow rate waveforms predicted
by the bond graph model are within 5% of the 1D model solution
at the points of comparison in the cerebral circulation model.
OpenCOR used the CVODE solver which is a solver for
stiff and nonstiff ODE systems (initial value problem) given
in explicit form y = f(t,y). The Backward Differentiation
Formula (BDF) is employed as the integration method with a
dense direct linear solver for Newton iterations. The bond graph
model runs approximately 200x faster than the 1D model and
at close to real time on a desktop computer for the level of
detail we included. The low computational effort is due to the
lumped nature of the mathematical representation provided by
the ODE system. There are several simplifying assumptions to
derive the lumped parameter models from the Navier-Stokes
equations. We considered the fluid as Newtonian and applied a
flow profile derived for laminar and stationary flow conditions.
We also assumed a constant Young’s modulus and a uniform
circular cross-section along the length of the segment. The
assumption of uniform elastic properties over a large pressure
range has some disadvantages. While it is desirable to keep the
model linear for speed-up, the drawback is that it is unable to
represent the complex behavior of the vessel wall accurately,
and therefore affects the model’s predictive ability for various
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pressure levels. This problem can be addressed by incorporating
a nonlinear elastic material in the C-element that provides the
pressure-dependent compliance. The current model has only
86 compartments for systemic flow paths outside the head in
addition to the heart and lungs (since we were focussing on
the cerebral circulation), but we plan to extend the model to
include higher resolution models of the rest of the systemic
circulation in the future. We will also look into the possibilities
of profiling and parallelising the code for optimisation and
speed-up.

Our overall goal for this work has been to create an
anatomically detailed model of the cardiovascular circulation
that can be made patient-specific (at least to some extent)
and can be run in real time (Safaei et al., 2016). The model
presented here will be made available in the public domain
with freely available open source tools, enabling users to
examine pressures and flow rates at any point in the circulation
under a variety of physiological conditions. The bond graph
formulation makes it straightforward to extend the model to
include various tissue exchange mechanisms and to incorporate
tissue and cellular parameters that characterize various chronic
diseases. In the present contribution, this formalism served
to provide a structured and compartmental description of
the whole circulatory system including the heart, pulmonary
loop and the venous system. This model can also include
self-regulating and metabolic dynamics in a simple way and
at a low computational cost. Cerebral auto-regulation is a
precise system involving vasodilation and vasoconstriction in
a network of collateral vessels. By adding metabolic models to
the bond graph model we would be able to simulate cerebral
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Hypertrophic cardiomyopathy (HCM) patients present altered myocardial mechanics due
to the hypertrophied ventricular wall and are typically diagnosed by the increase in
myocardium wall thickness. This study aimed to quantify regional left ventricular (LV)
shape, wall stress and deformation from cardiac magnetic resonance (MR) images in
HCM patients and controls, in order to establish superior measures to differentiate HCM
from controls. A total of 19 HCM patients and 19 controls underwent cardiac MR scans.
The acquired MR images were used to reconstruct 3D LV geometrical models and
compute the regional parameters (i.e., wall thickness, curvedness, wall stress, area strain
and egjection fraction) based on the standard 16 segment model using our in-house
software. HCM patients were further classified into four quartiles based on wall thickness
at end diastole (ED) to assess the impact of wall thickness on these regional parameters.
There was a significant difference between the HCM patients and controls for all regional
parameters (P < 0.001). Wall thickness was greater in HCM patients at the end-diastolic
and end-systolic phases, and thickness was most pronounced in segments at the septal
regions. A multivariate stepwise selection algorithm identified wall stress index at ED
(0iep) as the single best independent predictor of HCM (AUC = 0.947). At the cutoff
value ojgp < 1.64, both sensitivity and specificity were 94.7%. This suggests that the
end-diastolic wall stress index incorporating regional wall curvature —an index based on
mechanical principle—is a sensitive biomarker for HCM diagnosis with potential utility in
diagnostic and therapeutic assessment.

Keywords: regional curvedness, regional wall stress index, regional area strain, hypertrophic cardiomyopathy,
magnetic resonance imaging

INTRODUCTION

Hypertrophic cardiomyopathy (HCM) is a primary and familial disease of the cardiac sarcomere
leading to cardiac hypertrophy (Kovacic and Muller, 2003; Hansen and Merchant, 2007). It is
characterized by thickening of the myocardium with prevalence of 1 in 500 for the general
population (Wigle, 2001; Kovacic and Muller, 2003; Elliott and McKenna, 2004; Hughes, 2004).
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Annual mortality is estimated at 1-2% (Wigle, 2001).
Echocardiography can be used to measure ventricular thickness
and diagnose hypertrophy (Klues et al., 1995; Maron, 2002). In
addition, abnormal left ventricular (LV) systolic performance can
also be detected and quantified by strain parameters (longitudinal
strains and twist), and torsion and dyssynchrony (Carasso et al.,
2008, 2010). There are still limitations to this method, however,
as echocardiogram examination can be inconclusive when
the hypertrophied myocardium is localized at LV regions that
are difficult to visualize. Moreover, echocardiography may
underestimate the maximum extent of LV wall thickening,
particularly when hypertrophy involves the anterolateral wall
(Maron et al., 2010). Compared to echocardiography, cardiac
magnetic resonance (CMR) has the advantages of superior
spatial resolution and ability to characterize tissue composition
(Hoey et al,, 2014) and ventricular shape (Zhong et al., 2009b,
2012b). Therefore, it provides opportunity for more accurate
characterization of LV hypertrophy in HCM, both regionally and
globally (Rickers et al., 2005; Noureldin et al., 2012; Lee et al.,
2014).

The alteration of ventricular wall stress is associated with
morphological and functional changes in the myocardium. LV
wall stress is proportional to radius and inversely proportional
to wall thickness according to the Law of Laplace (Badeer,
1963). Numerous formulas have been proposed to estimate
wall stress (Falsetti et al., 1970; Grossman et al., 1975; Yin,
1981; Janz, 1982; Regen, 1990; Zhong et al., 2012a). Some early
approaches assumed the heart as an ideal shape, such as spherical
or ellipsoidal, which may not be applicable for complex LV
geometry, such as in HCM. Moreover, they only allowed the
global wall stress calculation, while 3D regional patterns and
distributions of wall stress are crucial in fully characterizing,
quantifying, and differentiating HCM patients from healthy
subjects. We have proposed a 3D regional curvature-based wall
stress approach and applied in ischemic dilated cardiomyopathy
(Zhong et al., 2009b) and heart failure (Zhong et al., 2011).
The pattern of HCM is variable and can be divided into
morphological subtypes: reverse curvature, sigmoid and neutral.
That may be associated with differential regional stress. Hence,
appropriate characterization of regional morphology and wall
stress may be particularly helpful in HCM.

In this study, we aimed to (1) assess the regional variation
of wall curvedness, stress and function in HCM; (2) assess the
utility of wall stress in differentiating HCM from controls, and (3)
characterize the wall curvedness, stress and function in subtypes
of HCM.

MATERIALS AND METHODS

Population

The study was approved by the SingHealth Centralized
Institutional Review Board, and written consent forms
were obtained from all participants. 19 HCM patients
and 19 age-matched normal controls were prospectively
enrolled at National Heart Centre Singapore. Subjects
with LV ejection fraction <50%, hyperlipidemia, physician
diagnosis of hypertension or diabetes mellitus were excluded

from the Control group. Clinical data were collected at
enrollment.

CMR Scan and LV Wall Thickness

Measurements

CMR scan was performed using steady state, free precession
(SSFP) cine gradient echo sequences on a 1.5T Siemens MR
imaging system (Avanto, Germany). Ventricular long axis (two-,
three- and four-chamber) and stacks of short axis views with
thickness 8 mm were each acquired in a single breath-hold. LV
interventricular septum thickness in diastole (IVSd) and systole
(IVSs), and LV posterior wall thicknesses in diastole (LVPWd)
and systole (LVPWs) were measured from mid LV short-axis
images, i.e., at the level of the papillary muscles.

HCM Subtypes

Following the HCM subtype characterization described by
Binder et al. (2006), HCM cases were sub-categorized by our
senior HCM consultant as sigmoid (n = 6), reverse curvature
(n = 8) or neutral (n =5).

Two-Dimensional Regional Curvature and
Strain

A common approach to quantifying concavity and convexity
of a contour employs curvature. The independent coordinate
method (Lewiner et al., 2005; Zhao et al., 2018) has been used to
compute endocardium and epicardium curvatures at both end-
diastolic (ED) and end-systolic (ES) phases. Examples involving
a control and three HCM subtypes at the ED phase are illustrated
in Figure 1.

The extent of inhomogeneity was characterized by variation
of curvature (VC) defined as the ratio of curvature standard
deviation o (k) to mean p («) at a given discrete point:

_ oK)
o)

1)

Ventricular endocardial and epicardial strain was defined as Zhao
et al. (2018):

Sendo = [In (722 ) | < 100%; o
Sepi = ‘ln (M)‘ x 100%,

Pt LED epi
where Lgpendo and Lgpepi are respective endocardial and
epicardial contour lengths extending from one atrioventricular
junction point to the other atrioventricular junction point in
standard long axis view at ED, and similarly for Lggenq, and

Lgs epi-

Three-Dimensional Regional Shape and

Deformation Parameters

LV endocardial and epicardial contours were segmented using
CMRtools (Cardiovascular Solution, UK) by co-registering the
short- and long-axis images. The segmented short-axis contours
representing the endocardial and epicardial surfaces were then
used as input for our 3D reconstruction algorithm. Our 3D
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The curvature is negative if the unit tangent rotates clockwise.

FIGURE 1 | Segmented two-dimensional three-chamber long-axis magnetic resonance images (top row) and color representation of 2D curvature with range [—0.2,
0.2] (bottom row) in (A) a 37-year-old female control subject; (B) a 67-year-old female patient; (C) a 60-year-old female patient; and (D) a 55-year-old female patient.

reconstruction methodology can be broadly summarized into 3
steps:

(I) Correction of any possible motion artifacts due to
respiration and patient movement. Here, we implement a shape-
driven algorithm based on the premise that the LV epicardial
surface must be smooth after the restoration process. This
restoration is achieved by iterative in-plane translation of
both the LV epicardial and endocardial contour vertices via
minimization of an objective function based on the principal
curvatures of the LV epicardial surface. Further details of the
restoration algorithm can be found in our previous publications
(Tan et al., 2013; Su et al., 2014).

(II) Up-sampling of short-axis contours and surface
triangulation. The up-sampling of both the endocardial
and epicardial contours are necessary to achieve a smooth
reconstructed 3D surface, due to the relatively large spacing
between the CMR image slices (typically 8-10mm). We
implement a B-spline fitting algorithm across multiple short-axis
contours based on the surface normal vectors of the contour
vertices to insert 3 intermediate points between any 2 adjacent
contour vertices lying on the original CMR image slices. This
results in the insertion of 3 intermediate short-axis contours
between any 2 adjacent segmented contours. Next, we triangulate
the up-sampled contours by connecting the 3 nearest points into
a surface triangle. This step is repeated for each time-frame in
the cardiac cycle and results in a set of 3D surface meshes with
different number of vertices and triangles dependent on the
height of the LV.

(ITI) Generation of endocardial surface meshes with 1-to-1
correspondence based on radial basis function morphing for the
entire cardiac cycle to facilitate analysis of geometrical features.
Here, we implement an automated approach to motion registered

a series of surface meshes representing the instantaneous shape
of the LV endocardial surface throughout the cardiac cycle from
Step (II). The output is a sequence of meshes with 1-to-1 surface
point correspondence; i.e., this sequence of meshes have identical
number of vertices and the same connectivity information.
Further details of the 1-to-1 correspondence algorithm can be
found in our previous publication (Su et al., 2015). We note that
this correspondence is implemented only for the LV endocardial
surface meshes because our analysis focuses only on the curvature
of the LV endocardial surface.

The format of the resultant endocardial surface is an explicit
surface mesh in the form of a two-manifold structured triangle
mesh where the vertices and connectivity information are stored.

The endocardial mesh was partitioned according to
recommendation by the American Heart Association (Cerqueira
et al., 2002). In this study, we used our modified approach
(Zhong et al., 2009b; Su et al., 2012) to generate the 16-segment
model, and omitted segment 17 in the standard nomenclature
because the curvature of the true apex position would strain the
reconstruction algorithm.

Wall thickness was evaluated for each segment at the ED
and ES phases and denoted as WTgp and WTEgs, respectively
(Zhong et al., 2009b). The maximal LV wall thickness among 16
segments at ED and ES were denoted as WTED max and WTES max-
The 3D regional shape was measured by the curvedness value C
(Koenderink and Van Doorn, 1992) defined as:

C=,/"1—=2, (3)
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where «; and «k; are the maximum and minimum principal
curvatures, respectively. These principal curvature are defined
based on the endocardial surface. In the vicinity of any
vertices on the endocardial surface mesh, the local surface
can be approximated by an osculating paraboloid that may be
represented by a quadratic polynomial. The detailed derivation
for computing the principal curvatures can be found in Appendix
A of our previous publications (Yeo et al., 2009; Zhong et al.,
2009b).

Pressure-normalized wall stress, an index that provides crucial
information on geometrical influence on wall stress, has been
proposed using thick-walled ellipse and sphere models (Zhong
et al, 2006; Alter et al, 2007). In the present study, wall
stress index o;, which incorporates local wall curvature, was
determined as Zhong et al. (2009b)

R

0= ————, (4)
2WT(1+ 4T)

where WT is ventricular wall thickness and R the inner radius

of curvedness. In Figure 2, we illustrate wall thickness, regional

curvedness and wall stress index for a control patient, sigmoid,

reverse curvature and neutral subtypes for HCM patients.

Area strain is a dimensionless quantity that measures
regional LV endocardial surface deformation which integrates
longitudinal, circumferential and radial deformation. The
regional area strain (AS) was defined as Zhong et al. (2012b):

SAEs

AS=1In ,
SAEgp

where SAgp and SAgg are the respective endocardial surface areas
at the ED and ES phases.

The regional ejection fraction (EF) is a measure of the
pumping efficiency of a particular LV segment and was previously
derived (Wisneski et al., 1981; Teo et al., 2015). The EF; for the
i-th segment is calculated as

(5)

_ Viep — Vigs

EF; x 100%, (6)

VieD

where V;gp and V; gg are the LV cavity volumes corresponding
to the i-th segment at the ED and ES phase, respectively.

Statistical Analysis

All continuous variables are presented as mean =+ standard
deviation (SD), whereas categorical data are presented as
relative frequencies in terms of percentage. Associations between
continuous variables were investigated using least square
regression and Pearson correlation. The two-sample -test was
used to assess significant differences between means of two
independent groups. One-way analysis of variance (ANOVA) was
used to compare means among control and hypertrophy subtypes
for 3D regional parameters. As individual diagnostic cutpoints,
the continuous predictors IVSd, WTEpmax and ojgp were
dichotomized (non-HCM vs. HCM) as follows: IVSd <13 mm
vs. >13mm, WTEpmax < 13mm vs. >13mm, and o;pp
>1.64 vs. <1.64. Potential predictors were assessed individually

using univariate logistic regression and those significant at
P < 0.20 were included in a multivariate analysis incorporating
a stepwise selection algorithm (SLE = 0.20, SLS = 0.25) to
identify a minimal “best” subset predictive of HCM. Intra- and
inter-observer reproducibility was assessed via the intra-class
correlation coefficient (ICC). The mean of the absolute values of
the differences between two measurements divided by the mean
of all measurements taken was used to quantify measurement
variability as a proportion of the mean measurement value
(Zhong et al., 2009a, 2012c). P < 0.05 was considered statistically
significant. Data assembly and statistical analysis were performed
with SPSS version 22.0.

RESULTS

The baseline demographics of controls and HCM patient are
summarized in Table 1. Compared to control subjects, HCM
patients had higher LV end-diastolic and lower end-systolic
volume indices, although not statistically significant (P = 0.451
and P = 0.308); however, difference in higher LV ejection fraction
was statistically significant (P = 0.034). For 2D clinical CMR
measurements, wall thickness was demonstrably greater in HCM
patients vs. controls for ED (HCM, 17.0 &+ 6.1 vs. Control, 8.4
+ 1.4mm; P <0.001), ES (HCM, 21.4 £ 5.4 vs. Control, 12.2
=+ 2.3mm; P < 0.001) and fractional shortening (HCM, 44.2 +
7.9 vs. Control, 35.0 &= 6.1%; P < 0.001; Table 2). Similar results
in ED and ES maximal wall thickness were observed between
HCM patients and controls for CMR measurements from our 3D
model.

Difference of Geometrical Descriptors
Between HCM and Controls

The 2D curvature and strain results for both groups are
summarized in Table 3. The VC for curvature was 1.94 £+ 0.47
at ED and 3.54 £ 1.32 at ES in the controls, with increases in
HCM patients to 2.65 = 0.84 at ED and 5.02 £ 2.42 at ES.
Second, HCM patients had significantly lower Sengo and Sep;
compared with controls (18.4 & 3.8% vs. 24.8 £ 3.0% and 12.6
+ 3.9% vs. 21.3 & 3.0%, both P < 0.001). Patients with HCM
had significant increases in wall thickness at both ED and ES
phases (Figures 3A,B). For each region in HCM patients, greater
wall thickness was observed in the basal anterior septal, basal
inferior septal, mid inferior septal and apical septal regions owing
to septum hypertrophy.

Regional 3D curvedness, regional wall stress index, area
strain and ejection fraction are given in Tables 4-6, respectively.
Figures 3C,D showed a significant increase in regional ED
curvedness in HCM patients compared to controls, except for
segment 9 (mid inferior septal) and segments 13-16 (apical
region). Figures 3E,F showed a significant decrease in wall stress
index at ED and ES in the HCM patients across all segments,
except for segment 15 (apical inferior) at ED and segments 13—
16 (apical region) at ES. Figure 3G demonstrated a decrease in
AS in HCM patients. Mean AS values (aggregating over all 16
segments) were 78.5 and 65.7% for controls and HCM patients
respectively (P < 0.05). Comparing across individual segments,

Frontiers in Physiology | www.frontiersin.org

40

March 2018 | Volume 9 | Article 250


https://www.frontiersin.org/journals/physiology
https://www.frontiersin.org
https://www.frontiersin.org/journals/physiology#articles

Zhao et al. Ventricular Stress in HCMpEF

A ED phase

Wall thickness

Curvedness

Wall stress index

: Wall thickness

Curvedness

g Wall stress index

FIGURE 2 | Columns: normal subject, HCM patient with sigmoid subtype, HCM patient with reverse curvature subtype and HCM patient with neutral subtype. In (A),
first row: segmented two-dimensional cine four-chamber magnetic resonance images at ED phase; second row: wall thickness (range: 4-18 mm) at ED phase; third
row: regional curvedness (range: 0.02-0.06 mmq) at ED phase; last row: wall stress index (range: 0.4-2.7) at ED phase. The order in (B) at ES phase is the same as
the order in (A) with wall thickness range: 5-22 mm, regional curvedness range: 0.04-0.08 mm~" and wall stress index range: 0.2-1.0. HCM, hypertrophic
cardiomyopathy; ED, end diastole; ES, end systole.
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TABLE 1 | Baseline and demographics of control subjects and HCM patients.

Variable Control (n =19) HCM (n =19) P-value
Age, years old 51+ 11 51 +13 0.834
Gender, Male/Female 12/7 7/12 0.105
Weight, kg 68 £ 15 69 + 20 0.816
Height, cm 163 + 11 162 + 12 0.810
Body surface area, m?2 1.75+£0.24 1.76 + 0.30 0.953
Diastolic blood pressure, mmHg 74 +8 72 +£13 0.732

Systolic blood pressure, mmHg 128 £ 17 132 £ 22 0.548
Tobacco, % 0 (0%) 2 (10.5%) 0.181

Diabetes, % 0 (0%) 1(6.3%) 0.432

Hyperlipidaemia, % 0 (0%) 9 (47.4%) <0.001

Hypertension, % 0 (0%) 7 (36.8%) 0.001

Peripheral vascular disease, % 0 (0%) 1(6.3%) 0.432
Family history of HCM (up to 0 (0%) 9 (47.4%) <0.001

second degree)

Family history of sudden cardiac 0 (0%) 4(21.1%) 0.029
death due to HCM

LVEDV index, ml/m? 74 +12 77 £15 0.451

LVESV index, ml/m2 25+ 8 22 £10 0.308
LV ejection fraction, % 66 + 6 72+9 0.034
LV mass index, g/m2 54 +£10 101 £43 <0.001

Data are expressed as mean + SD or as number (percentage). HCM, hypertrophic
cardiomyopathy; LVEDV, left ventricle end diastolic volume; LVESV, left ventricle end
systolic volume; LV, left ventricle. Bold values mean statistically significant.

TABLE 2 | Comparison of wall thickness between 2D clinical and 3D model
measurements.

Variable Control (n =19) HCM (n = 19) P-value
2D CLINICAL MEASUREMENTS

IVSd, mm 84 +14 170+ 6.1 <0.001
IVSs, mm 122 +23 214 +£54 <0.001
LVPWd, mm 6.1+14 8.8 + 3.4 0.009
LVPWs, mm 127 £ 23 185 £ 5.4 <0.001
FS, % 35.0 + 6.1 442 +£7.9 <0.001
3D MODEL MEASUREMENTS

WTED max, MM 81+14 165 +5.2 0.001
WTES max, mm 124 £1.5 221 +£50 <0.001

Data are expressed as mean + SD. HCM, hypertrophic cardiomyopathy; IVSd (IVSs),
interventricular septum in diastole (systole); LVPWd (LVPWSs), left ventricular posterior
wall in diastole (systole); FS, fractional shortening. WTep max (WTgs max), maximal wall
thickness among 16 regional segments in diastole (systole) from 3D model. Bold values
mean statistically significant.

only the inferior regions (segments 3-5, 9-11, and 15) and
the apical lateral segment (segment 16) exhibited significant
differences. Mean EF values (aggregating over all 16 segments)
were 72.2 and 66.5% for controls and HCM patients, respectively.
Comparing across individual segments, significant differences
were observed for segments 3 (basal inferior septal), 7 (mid
anterior), 13 (apical anterior) and 16 (apical lateral) (Figure 3H).

Difference of Geometrical Descriptors in
HCM Subtypes

According to the characterization of HCM morphological
subtypes described in section HCM subtypes, our HCM group

TABLE 3 | Variation of 2D curvature, length and strains for controls and HCM
patients.

Variable Control (n =19) HCM (n =19) P-value
Variation of curvature at ED phase 1.94 + 0.47 2.65 + 0.84 0.003
Variation of curvature at ES phase 3.54 +£1.32 5.02 £ 2.42 0.026
ED endocardial length, mm 125.8 + 16.4 124.1 &£ 145 0.740
ED epicardial length, mm 1322 £ 17.5 131.9 £ 18.0 0.960
ES endocardial length, mm 98.2 + 13.5 103.6 + 14.5 0.246
ES epicardial length, mm 107.0 £ 14.7 116.7 + 191 0.087
Sendo: % 24.8 + 3.0 18.4 + 3.8 <0.001
Sepir % 21.3 £ 3.0 126 £ 3.9 <0.001

Data are expressed as mean + SD. HCM, hypertrophic cardiomyopathy; ED, end diastole;
ES, end systole; Sendo (Sepi) average endocardial (epicardial) strain of 2-, 3-, and
4-chamber endocardial (epicardial) strain. Bold values mean statistically significant.

included sigmoid subtypes (n = 6, total of 6 x 16 = 96 segments),
reverse curvature subtypes (n = 8, total of 8 x 16 = 128
segments) and neutral subtypes (n = 5, total of 5 x 16 = 80
segments). Results for all 3D regional parameters were given
in Table7. Compared with controls, all three subtypes had
significantly thicker ventricular walls (P < 0.001), with wall
thickness increasing from sigmoid to reverse curvature to neutral
subtypes. Controls had significantly less curvature at ED and
higher wall stress index compared to the three HCM subtype
groups. The neutral subtype had the thickest ventricular wall
and lowest wall stress index at ES compared to the other two
HCM subtypes (all P < 0.001). The reverse curvature subtype had
significantly lower AS and EF compared to the other two HCM
subtypes.

Univariate and Multivariate Analysis
Non-decompensated HCM patients tend to have normal LVEF.
In seeking a better indicator for differentiating HCM patients, we
performed univariate logistic regression analysis for LVEF, area
strain, and three dichotomized parameters, viz., IVSd >13 mm,
WTEDmax >13mm, ojgp <1.64. A multivariate stepwise
selection algorithm (SLE = 0.20, SLS = 0.25) on the five variables
significant at P < 0.20 in univariate analysis identified o;gp
<1.64 as the single best independent predictor of HCM group
(P < 0.001). Analysis results are given in Table 8, and ROC curves
for the five parameters are plotted in Figure 4 with corresponding
AUCG, sensitivity and specificity. ojpp <1.64 exhibited the highest
sensitivity (94.7%) and specificity (94.7%) for differentiating
HCM patients from controls with AUC = 0.947.

Impact of Wall Thickness on 3D

Geometrical Descriptors

There was inverse relationship between wall thickness and wall
stress index (o;pp = 14.593 X WTep 1% R2 = 0.787, P <
0.001), as shown in Figure 5. To further investigate the impact
of wall thickness on regional ventricular shape and function,
we divided the HCM patients (consisting of 16 x 19 = 304
segments) into four quartiles based on wall thickness (mm) at ED:
<7.72mm, 7.72-9.63 mm, 9.63-12.68 mm and >12.68 mm in
Figure 6. With increasing wall thickness, ventricular curvedness
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FIGURE 3 | (A,B) Comparison of wall thickness at end diastole (left) and end systole (right); (C,D) Comparison of curvedness at end diastole (left) and end systole

(right); (E,F) Comparison of wall stress index at end diastole (left) and end systole (right); (G,H) Comparison of area strain (left) and ejection fraction (right) between

control group and patient group with hypertrophic cardiomyopathy. *Significant difference between two groups (P < 0.05).
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TABLE 4 | Curvedness computed from the 3-D reconstructed model of the LV at end diastole and end systole for Controls and HCM patients.

Segment

Curvedness at end diastole (mm~1)

Control (n = 19)

HCM (n =19)

Curvedness at end systole (nm~7)

Control (n = 19)

HCM (n = 19)

1) basal anterior
2) basal anterior septal
3) basal inferior septal
4) basal inferior
5) basal inferior lateral
©6) basal anterior lateral

7) mid anterior

9) mid inferior septal
mid inferior lateral
mid anterior lateral

apical anterior

(

(

(

(

(

(

(

(8) mid anterior septal
(

(

(

(

(

(

(15) apical inferior
(

)
)
)
)
)
)
)
)
)
10) mid inferior
11)
12)
13)
14) apical septal
15)
16)

apical lateral

0.0339 + 0.0034
0.0315 + 0.0035
0.0276 + 0.0028
0.0337 + 0.0037
0.0300 =+ 0.0031
0.0282 + 0.0024
0.0345 4+ 0.0040
0.0378 + 0.0039
0.0328 + 0.0038
0.0374 + 0.0033
0.0350 + 0.0039
0.0327 + 0.0026
0.0500 =+ 0.0059
0.0519 + 0.0045
0.0557 4+ 0.0079
0.0480 + 0.0057

0.0436 + 0.0085"
0.0437 + 0.0103"
0.0381 + 0.0084*
0.0442 + 0.0095*
0.0397 + 0.0082*
0.0379 + 0.0051*
0.0386 + 0.0042*
0.0415 + 0.0048"
0.0357 + 0.0050
0.0406 + 0.0035"
0.0393 + 0.0043*
0.0359 + 0.0050*
0.0507 + 0.0103
0.0536 + 0.0108
0.0537 + 0.0090
0.0483 + 0.0103

0.0535 £ 0.0114
0.0511 £0.0108
0.0439 + 0.0078
0.0534 + 0.0081
0.0489 + 0.0085
0.0453 £ 0.0069
0.0619 £ 0.0128
0.0619 £ 0.0113
0.0568 £ 0.0105
0.0660 + 0.0106
0.0620 £ 0.0110
0.0551 £0.0118
0.1127 £ 0.0217
0.1084 £ 0.0216
0.1233 £ 0.0247
0.1089 + 0.0264

0.0582 + 0.0072
0.0543 + 0.0049
0.0537 £0.0116*
0.0546 + 0.0091
0.0515 £ 0.0051
0.0536 £ 0.0110*
0.0633 £ 0.0130
0.0635 £ 0.0116
0.0570 £ 0.0155
0.0622 + 0.0129
0.0652 + 0.0120
0.0610 £ 0.0137
0.0975 + 0.0341
0.0949 + 0.0311
0.0989 + 0.0316*
0.0937 £ 0.0333

Mean

0.0375 4 0.0095

0.0428 + 0.0095*

0.0696 + 0.0299

0.0677 £ 0.0251

Data are expressed as mean + SD. HCM, hypertrophic cardiomyopathy; LV, left ventricle.

*Significant difference between control subjects and HCM patients (P < 0.05).

TABLE 5 | Wall stress index computed from the 3-D reconstructed model of the LV at end diastole and end systole for Controls and HCM patients.

Segment Wall stress index at end diastole Wall stress index at end systole
Control (n = 19) HCM (n =19) Control (n = 19) HCM (n =19)
(1) basal anterior 2.45 £+ 0.56 0.97 £+ 0.36* 0.86 + 0.28 0.36 + 0.13*
(2) basal anterior septal 2.01 £0.41 0.82 + 0.40* 0.78 +£0.20 0.38 +£0.18*
(3) basal inferior septal 2.21 £0.50 1.01 £0.43* 0.86 + 0.22 0.41 £0.18*
(4) basal inferior 2.05 £+ 0.50 0.98 + 0.41* 0.69 &+ 0.21 0.39 £+ 0.15*
(5) basal inferior lateral 2.57 £0.79 1.32 £ 0.50" 0.76 £ 0.23 0.48 +£0.18"
(6) basal anterior lateral 2.91+0.78 1.39 £ 0.57* 0.92 +£0.35 0.48 + 0.25*
(7) mid anterior 274 +£0.72 1.49 £ 0.59* 0.80 £ 0.24 0.42 +£0.18"
(8) mid anterior septal 1.98 £ 0.39 1.05 £ 0.40* 0.69 £ 0.17 0.34 + 0.16*
(9) mid inferior septal 2.08 £+ 0.50 1.05 + 0.44* 0.69 +0.19 0.41 £ 0.30*
(10) mid inferior 2.08 + 0.63 1.08 + 0.40* 0.62 +£0.17 0.37 £ 0.18*
(11) mid inferior lateral 2.39 £0.79 1.37 £ 0.39" 0.68 + 0.21 0.43 £ 0.21*
(12) mid anterior lateral 2.82 £0.81 1.68 + 0.50* 0.85+ 0.26 0.52 + 0.26*
(13) apical anterior 2.16 £ 0.60 1.41 £ 0.58* 0.55+0.13 0.46 + 0.26
(14) apical septal 1.71 £ 0.41 113+ 0.47* 0.54 +£0.17 0.40 +£0.28
(15) apical inferior 1.78 £0.65 1.33£0.88 0.47 £0.15 0.42 £0.38
(16) apical lateral 221 +£0.74 1.68 £ 0.67* 0.59 + 0.21 0.55 + 0.39
Mean 2.45 + 0.56 0.97 + 0.36* 0.86 +0.28 0.36 + 0.13*

Data are expressed as mean + SD. HCM, hypertrophic cardiomyopathy; LV, left ventricle.

*Significant difference between control subjects and HCM patients (P < 0.05).

showed no significant change at ED, but decreased at ES. There ~ Reproducibility
was slightly augmented area strain in 1st quartile, but decreased  Intra-class correlation (ICC) with 95% CI, mean difference +
from quartile 2-4. There was a reduction of ejection fraction, but ~ SD, and percentage variability (%) were computed for 5 control

not significant.

subjects and 5 HCM patients (10 x 16 = 160 segments) from
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TABLE 6 | Area strain (%) and ejection fraction (%) computed from the 3-D reconstructed model of the LV for control and HCM patients.

Segment Area strain (%) Ejection fraction (%)

Control (n = 19) HCM (n =19) Control (n = 19) HCM (n = 19)
(1) basal anterior 66.5 + 12.9 62.3 +16.3 68.4 + 7.4 63.0 +£ 9.9
(2) basal anterior septal 60.7 £ 13.5 525+ 215 65.5 +£ 8.3 59.5 £ 11.9
(3) basal inferior septal 62.5 + 14.1 43.7 £ 14.2* 65.4 + 9.7 57.6 £ 12.3*
(4) basal inferior 68.0 + 15.0 53.8 + 13.0* 66.7 £ 9.3 63.4 + 10.0
(5) basal inferior lateral 724 £17.6 61.2 + 14.0* 67.7 £ 8.9 64.7 £ 10.6
(6) basal anterior lateral 73.4 +£ 16.5 62.8 +15.8 69.0 + 8.3 63.6 + 10.1
(7) mid anterior 71.6 £ 18.0 67.7 £ 26.5 72.3 £ 101 60.9 + 19.6*
(8) mid anterior septal 70.1 + 16.8 62.7 £ 22.4 73.2 +£9.9 69.2 + 13.9
(9) mid inferior septal 739 £ 175 60.7 £ 15.7* 72.4 £ 10.1 725+ 119
(10) mid inferior 79.9 + 18.4 63.7 £ 21.1* 71.8 £ 8.9 73.0 £ 10.3
(11) mid inferior lateral 84.6 + 20.2 67.8 + 27.3* 72.3 £ 85 66.7 + 16.9
(12) mid anterior lateral 82.5+21.2 70.8 + 28.1 729 +£9.2 63.9 + 17.4
(13) apical anterior 92.2 + 18.6 78.4 + 33.3 78.0 £ 5.6 64.8 + 24.6*
(14) apical septal 92.2 + 20.6 78.6 + 30.9 81175 76.9 + 14.5
(15) apical inferior 101.4 £ 185 81.8 + 29.4* 80.4 £ 5.0 76.9 + 12.6
(16) apical lateral 104.7 £ 18.9 82.9 + 31.9* 787 £ 7.6 67.0 £ 19.7*
Mean 785+ 215 65.7 + 25.2* 722 +£9.7 66.5 + 15.5*
AGGREGATING OVER THE BASAL, MID-CAVITY AND APICAL REGIONS
(i) basal 67.2 +£14.3 56.0 + 14.4* 67.1+£83 62.0 £ 9.5
(if) mid-cavity 771 £ 181 65.6 + 22.8 725 +£9.2 68.4 + 11.8
(iii) apical 97.6 + 18.1 80.4 + 30.8* 79.5 £ 56 72.4 +£ 153
Data are expressed as mean + SD. HCM, hypertrophic cardiomyopathy; LV, left ventricle.
*Significant difference between control subjects and HCM patients (P < 0.05).
TABLE 7 | ANOVA analysis between control and hypertrophy subtypes for 3D regional parameters.
Variable Control (n = 304) Sigmoid (n = 96) Reverse Curvature (n = 128) Neutral (n = 80) P-value
WTgp, mm 6.08 + 1.54 9.53 + 3.76°1F 11.15 + 4.52*T 11.37 + 4.47+% <0.001
WTgg, mm 9.69 + 2.19 15.25 + 4.54*% 16.22 + 5.60"% 17.81 £ 4.50°H8 <0.001
Cep, mm~! 0.0375 + 0.0095 0.0418 + 0.0094* 0.0431 £ 0.0092* 0.0436 + 0.0100* <0.001
Cgs, mm=1 0.0696 + 0.0299 0.0707 £ 0.0251 0.0615 + 0.0194*% 0.0741 + 0.0305% 0.005
9 ED 2.26 £ 0.70 1.40 + 0.54*% 1.19 £ 0.62* 1.07 + 0.41*F <0.001
= 0.71 £ 0.25 0.43 + 0.23+ 0.49 + 0.29*% 0.31 £ 0.10"# <0.001
AS, % 78.51 +21.48 71.59 + 22,111 55.24 + 20.82+18 75.36 + 29.45% <0.001
EF, % 72.23 + 9.66 70.49 + 1.0711 61.03 + 16.05*18 70.38 + 16.45% <0.001

Data are expressed as mean + SD. WTgp, wall thickness at end diastole; WTgs, wall thickness at end systole; Cep, curvedness at end diastole; Cgs, curvedness at end systole; oi ep,
wall stress index at end diastole; oj s, wall stress index at end systole; AS, area strain; EF, ejection fraction.

*Significant differences between control group and three HCM subtypes;

Tsigniﬁcant difference between sigmoid and reverse curvature subtypes;

* significant difference between

sigmoid and neutral subtypes; Ssignificant difference between reverse curvature and neutral subtypes. Bold values mean statistically significant.

intra- and inter-observer studies, and the reproducibility results
were given in Table 9. All parameters were highly reproducible
with ICC >0.87, and percentage variability was <6.5% for intra-
observer and <5.0% for inter-observer.

DISCUSSION

The main finding of this study was that curvedness-based
ventricular wall stress index at end diastole (ED) was a more
sensitive and specific parameter than traditional ventricular wall
thickness and other measures for differentiating HCM with

preserved ejection fraction. Furthermore, among the three HCM
subtypes, the neutral group presented lowest wall stress, but
reverse curvature group presented lowest regional contractile
function compared to the control group and other two subtypes
(P < 0.05).

Ventricular Wall Stress Measurement

In the present study, wall stress index is a pure geometric
parameter that quantifies the physical response of left ventricle
to loading and allows a comparison between ventricles under
differing pressures. The wall stress index is expressed as the
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TABLE 8 | Univariate logistic regression and multivariate stepwise selection
analysis.

Variable P-value
Univariate logistic Multivariate stepwise
regression analysis selection analysis

LVEF, % 0.065 -

Area strain, % 0.0970 -

IVSd >13mm 0.005 -

WTED max >13mm 0.0031 -

ojep <1.64 <0.001 <0.001

LVEF, left ventricular ejection fraction; IVSd, interventricular septum thickness in diastole
from 2D clinical measurement; WTep max, maximal wall thickness among 16 segments
in diastole from 3D model; ojep, wall stress index at end diastole. Bold values mean
statistically significant.
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FIGURE 4 | Receiver operating characteristic (ROC) curves for left ventricle
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diastole from 2D clinical CMR measurement; WTgp max, maximal wall
thickness among 16 regional segments in diastole from 3D model; oj £p, wall
stress index at end diastole.

ratio of wall thickness to wall radius (h/R) which takes into
account regional ventricular curvedness. We have demonstrated
excellent intra- and inter-observer reproducibility in wall
stress measurement for both normal and HCM patients with
percentage variability less than 6%. This is in significant contrast
to previous echocardiographic studies (i.e., 7-11%; Greim et al.,
1995). This is likely to reflect the better accuracy of CMR to
regional wall curvedness and thickness than echocardiography,
which has been demonstrated in several previous studies
examining different cardiac conditions (Zhong et al., 2009b, 2011,
2012b).
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FIGURE 5 | Correlation between wall thickness and wall stress index at end
diastole.

The joint use of imaging and modeling of the heart has
opened up possibilities for a better thorough understanding
and evaluation of the LV wall stress. Traditionally, most work
on wall stress has been based on two-dimensional and three-
dimensional models that are represented by simplified idealized
geometry analyses with different formula (i.e., sphere, spheroid,
ellipsoid; Yin, 1981; Zhong et al., 2006, 2007, 2012a). Finite
element analysis (FEA), an engineering technique utilized to
study complex structure, can overcome some of these limitations.
Previous studies has elucidated the characteristics of wall stress
and clarified how they should be properly analyzed so that
these concepts can be applied in translational research (Guccione
et al, 1995; Dorri et al,, 2006; Lee et al., 2014; Choy et al.,
2018). However, from the clinical application consideration, the
application of FEA to employ human in vivo data still remain
a challenge. Our approach allows precise regional measurement
of three-dimensional wall curvedness and thickness and hence
permit accurate estimate of diastolic and systolic wall stress
assessment. The entire process taking about 20 min per subject
would garner its wider application in clinical practice.

Wall Stress, Curvature and Curvedness in
Hypertrophic Cardiomyopathy

HCM implies a higher-than-normal myocardial mass, with a high
ratio of ventricular wall thickness to radius (h/R). Based on the
different pattern of hypertrophy, systolic and diastolic wall stress
were proposed as a stimulus for replication of cardiomyocytes
and cardiac remodeling. Indeed, HCM has been reported to
correlate with ratio of h/R or h/R® or volume/mass from
the previous studies (Petersen et al., 2005). This phenomenon
allows the preservation of endocardial motion despite reduced
shortening of individual fibers such that the EF remains normal
(de Simone and Devereux, 2002). On the other hand, progressive
LV remodeling in HCM contributes to a change in wall curvature
or curvedness (Reant et al., 2015). Our diastolic wall stress,
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TABLE 9 | Intra- and inter-observer reproducibility in 5 control subjects and 5
HCM patients.

Variable Intra-class correlation Mean difference + SD Percentage

coefficient (95% Cl) variability (%)

INTRA OBSERVER REPRODUCIBILITY

WTep, mm 0995 (0.993-0.996) —0.050 + 0.488 3.11
WTgs, mm  0.992 (0.989-0.994) 0.146 £ 0.733 2.41
Cep, mm~!  0.893 (0.856-0.920) 0.0020 + 0.0044 4.66
Cgs. mm~'  0.979 (0.972-0.985) 0.0001 % 0.0057 3.50
oiED 0.985 (0.979-0.989) —0.049 + 0.187 6.03
oiEs 0.926 (0.900-0.945) 0.008 + 0.096 6.50
AS, % 0.930 (0.906-0.949) 1.889 & 8.127 4.40
EF, % 0.885 (0.845-0.914) 0.445 £ 4.609 3.04
INTER OBSERVER REPRODUCIBILITY

WTgp, mm  0.997 (0.996-0.998) —0.019 + 0.375 2.36
WTgs, mm  0.995 (0.993-0.996) 0.193 £ 0.574 1.69
Cep, mm~1 0917 (0.888-0.938) 0.0019 = 0.0039 4.21
Ces, mm~! 0983 (0.977-0.988) 0.0006 + 0.0051 2.77
i ED 0.987 (0.982-0.990) 0.018 % 0.160 4.99
OiES 0.941 (0.921-0.957) —0.002 + 0.088 5.01
AS, % 0.928 (0.903-0.947) 2.853 + 8.190 4.24
EF, % 0.879 (0.838-0.910) 0.949 + 4.752 3.16

HCM, hypertrophic cardiomyopathy; ClI, confidence interval; SD, standard deviation;
Percentage variability, the mean of the absolute values of the differences between two
measurements divided by their mean;, WTgp, wall thickness at ED; WTgs, wall thickness
at ES; ED, end diastole; ES, end systole; Cep, curvedness at ED; Cgg, curvedness at ES;
oj ep, wall stress index at ED; oj s, wall stress index at ES; AS, area strain; EF, ejection
fraction.

based on ratio of 4/R which consider regional three-dimensional
wall curvedness represents an integrated assessment and permit
more accurate regional assessment of stress state. These studies
provide a rationale supporting wall stress as an ideal index
for assessing HCM. Moreover, multivariate stepwise selection
analysis identified our wall stress index as the best single predictor
of HCM group, and had better sensitivity than LVEF, area strain
and wall thickness from both 2D CMR clinical and 3D model
measurements.

Our analysis of wall curvedness, stress and function in
this study add further insight of subtype of HCM (ie.,
sigmoid, reverse and neutral subtypes). The data in present
study demonstrated that only reverse curvature HCM subtype
presented abnormal wall stress and area strain despite its
preserved ejection fraction. This observation is consistent with
the finding of Kobayashi et al. in patients with obstructive HCM
(Kobayashi et al., 2014). They found that patients with the
reverse curvature subtype had less global longitudinal systolic
and diastolic strain than patients with sigmoid and concentric
hypertrophy despite being younger and less hypertensive. As
suggested by Binder (Binder et al., 2006), the reverse curvature
morphological subtype may inherently precede and incite the
myocyte and fiber disarray and local wall stress perturbations,
which are characteristic of HCM.

Clinical Implication

Understanding of LV wall stress may help to solve some clinical
questions like the differentiation of adaptive and maladaptive
hypertrophy in HCM. At the early stage, both diastolic and
systolic wall stresses are maintained “normal” because increased
wall thickness is counterbalancing the elevated ventricular
pressure. Progressively, wall stress continues to decreases, which
causes increase of wall curvature and decrease of the wall radius.
These constitute maladaptive hypertrophic developments.
We believe our comprehensive suite of quantitative regional
curvedness-based wall stress can distinguish early remodeling
in HCM and facilitate personalization of monitoring of
the natural disease progression or treatment response.
For instance, 3D regional parameters derived from our
approach may be used to quantify the efficacy and effects
(e.g., wall stress) of septal myectomy or ablation therapies
in HCM.

Limitations of Study

Limitations of the present study are summarized as follows.
First, our approach to 3D LV reconstruction relies on manual
delineation of endocardium and epicardium contours obtained
from CMR images. This is time consuming and may be replaced
by automatic segmentation techniques (Petitjean and Dacher,
2011; Kang et al., 2012; Yang et al., 2016).

Second, curvature-based ventricular wall stress computation
depends upon image quality and accuracy of reconstructed
surface. Image quality and resolution can be improved by
utilizing a 3.0 Tesla scanner rather than a 1.5 Tesla scanner,
thereby increasing the quality of the input data for 3D mesh
reconstruction and processing. In clinical practice, the spacing
between two consecutive CMR short-axis image slices is typically
5-10 mm. Hence, interpolation is used to reconstruct the surface
between slices. This process of interpolation may affect the
accuracy of the wall stress computation. It should be noted that
the intra- and inter- observer variation is small (i.e., both <7%)
for wall stress determination, suggesting that our approach is
reasonable, and unaffected by variations in the interpolation
process.
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Background: The formation of hepatic hemangiomas (HH) is associated with VEGF
and IL-7 that alter conduit arteries and small arterioles. To our knowledge, there are no
studies to investigate the effects of HH on the hemodynamics in conduit arteries. The
aim of the study is to perform morphometric and hemodynamic analysis in abdominal
conduit arteries and bifurcations of HH patients and controls.

Methods: Based on morphometry reconstructed from CT images, geometrical models
were meshed with prismatic elements for the near wall region and tetrahedral and
hexahedral elements for the core region. Simulations were performed for computation of
the non-Newtonian blood flow using the Carreau-Yasuda model, based on which multiple
hemodynamic parameters were determined.

Results: There was an increase of the lumen size, diameter ratio, and curvature
in the abdominal arterial tree of HH patients as compared with controls. This
significantly increased the surface area ratio of low time-averaged wall shear stress

Surf _
(i.e., SAR-TAWSS = 2% To0anss=4 dnesom=2 \ 10)9%) (24.1 + 7.9 vs. 5 + 6%, 11.6 +

Total surface area
12.8vs. < 0.1%, and 44.5 + 9.2 vs. 21 £ 24% at hepatic bifurcations, common hepatic

arteries, and abdominal aortas, respectively, between HH and control patients).

Conclusions: Morphometric changes caused by HH significantly deteriorated the
hemodynamic environment in abdominal conduit arteries and bifurcations, which could
be an important risk factor for the incidence and progression of vascular diseases.

Keywords: hepatic hemangioma, computer tomography, abdominal arterial tree, hemodynamics, morphology

INTRODUCTION

Hemangioma is the most common benign tumor that affects the liver (Gandolfi et al., 1991; John
et al., 1994). Hepatic hemangiomas (HH) occur generally in small regions from a few mm to 4 cm
despite large HH in the range of 4~40 cm (Sieg et al., 1982; Hoekstra et al., 2013; Toro et al., 2014;
Zhao et al., 2015). It was found that HH are associated with microvascular malformations and
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congenital origin growing slowly from birth (Saegusa et al.,
1995; Lehmann et al., 1999). Pregnancy, oral contraceptive use,
androgen, or steroid administration were believed to stimulate
the incidence and progression of HH (Hoekstra et al., 2013;
Toro et al., 2014). The use of specific antibodies against vascular
endothelial growth factor (VEGF) and IL-7 was proposed to

inhibit the growth of HH (Trastek et al.,, 1983; Mahajan et al.,
2008; Wang et al., 2012). However, the etiology and pathogenesis
of HH remain unknown.

Morphometric alteration of large conduit arteries could
induce abnormal flow patterns, e.g., stagnation flow, reversal
flow, flow vortex, and so on, which were characterized by

20 mm
—

Anterior
20 mm

angiographs, where arrows mark liver hemangiomas.

Anterior Posterior

FIGURE 1 | Geometrical models reconstructed from CT images of a representative control (A) and a representative HH patient (B). (B) Also shows CT-axial
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various hemodynamic risk factors including low time-averaged
wall shear stress over a cardiac cycle (low TAWSS), high
oscillatory shear index (high OSI), and high TAWSS gradient
(high TAWSSG) (Ku, 1997; Kleinstreuer et al., 2001; Huo et al.,
2007b, 2008, 2009). Computational fluid dynamics (CFD) has
been applied to the hemodynamic analysis in the abdominal
arterial tree (Taylor and Draney, 2004). These simulations mainly
focused on the flow distribution near stenoses or aneurysms
(Boutsianis et al., 2009; Biasetti et al., 2011; Polanczyk et al.,
2015; Arzani and Shadden, 2016). To our knowledge, there is
lack of studies to show the effects of microvascular malformations
on morphometry and hemodynamics in the abdominal aorta
and primary branches of HH patients, which could induce
hemodynamic impairments to large arteries in the cardiovascular
system.

The objective of the study is to demonstrate a comparison
of morphometry and hemodynamics in the abdominal aorta
and primary branches between HH patients and healthy
controls. We hypothesize that HH-induced morphometric
changes significantly worsen the hemodynamic environment
in abdominal conduit arteries and bifurcations. To test the
hypothesis, we reconstructed the large abdominal arterial trees
from CT images of 12 HH patients and 9 controls. Flow
simulations were performed to solve the Continuity and Navier—
Stokes equations with the Carreau-Yasuda model for non-
Newtonian blood, similar to a previous study (Yin et al., 2016).
The flow velocity waveform was measured at the thoracic aorta
of a representative patient and was applied to the inlet of
the large abdominal arterial tree with the Womersley velocity
profile (Zheng et al., 1985). The fully-developed flow boundary
condition was applied to each outlet that considered fractional
flow rate (Huo et al., 2013). Based on the computed flow
field, multiple hemodynamic parameters, i.e., TAWSS, OS], and
TAWSSG, were determined in the large abdominal arterial
trees. Malek et al. showed a threshold TAWSS < 4 dynes/cmz;
Nordgaard et al. indicated a threshold OSI > 0.15; and Fan
et al. proposed a threshold TAWSSG > 500 dynes/cm?® for the
incidence and progression of atherosclerosis (Malek et al., 1999;
Nordgaard et al, 2010; Fan et al,, 2016). Hence, we used the
surface area ratios of low TAWSS (SAR-TAWSS), high OSI (SAR-
OSI), and TAWSSG (SAR-TAWSSG) (see the detailed definitions
in the Appendix) to characterize the complex hemodynamic
environment in abdominal conduit arteries and bifurcations
similar to previous studies (Fan et al., 2016, 2017; Yin et al,
2016).

MATERIALS AND METHODS
Study Design

We retrospectively analyzed morphometry and hemodynamics
of large abdominal arterial trees of HH patients as well as age-
matched control subjects, who underwent CT exams at the
Affiliated Hospital of Hebei University, China, from January
to December 2015. The CT diagnosis of HH in a previous
study (Caseiro-Alves et al, 2007) was used, which showed
peripheral nodular enhancement at the lesion progressing from
the periphery to the center, as shown in Figure 1. A total of 12

HH patients (5 males and 7 females from 28 to 69 years) were
compared with a total of 9 controls (7 males and 2 females from
31 to 62 years).

The study was approved by the Institutional Review Board
(IRB) for the Affiliated Hospital of Hebei University, which
conforms the declaration of Helsinki. All patients gave the signed
informed consent for all methods of the study performed in
accordance with the relevant guidelines and regulations of the
IRB for the Affiliated Hospital of Hebei University.

Imaging Acquisition

CT scans were performed on a Discovery CT750 HD scanner
(HDCT, GE Healthcare, Milwaukee, WI, USA). All patients
underwent abdomen contrast-enhanced spectral CT from the

RCCA

LCCA

T -

1

Transverse
il b

Anterior

\'Azl
A

FIGURE 2 | (A) Schematic diagram of aorta and primary branches, where AA,
ascending aorta; AOA, arch of aorta; DA, descending aorta; TA, thoracic
aorta; RSA, right subclavian artery; RCCA, right common carotid artery;
LCCA, left common carotid artery; LSA, left subclavian artery; CeTA, celiac
trunk artery; CHA, common hepatic artery; SA, splenic artery; RRA, right renal
artery; LRA, left renal artery; SMA, superior mesenteric artery; RIIA, right
internal iliac artery; REIA, right external iliac artery; LIIA, left internal iliac artery;
LEIA, left external iliac artery; and (B) zoomed diagram of CeTA and CHA,
where the black dotted line represents the centerline, Ag refers to the
intersection of centerlines between CeTA and CHA, and L4, and

Lag-..Apdenote the linear and arc lengths from point Ag to Am, respectively.
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diaphragm to the edge of the kidney. The spectral CT scan
protocol included helical pitch of 0.984:1, rotation speed of 0.5s,
and 50 cm Display Field of View (DFOV). The nonionic contrast
media (ioversol, 320 mgl/ml) at the dose of 1.0 ml/kg was injected
with a power injector at a rate of 3.0 ml/s through median
cubital vein. Arterial phase scanning with an automatic tracking
technique with automated scan-triggering software (SmartPrep,
GE Healthcare, Milwaukee, WI, USA) started 8 s after the trigger
threshold (100 HU) was reached at the level of the celiac trunk
(He et al., 2014). The portal venous phase scanning and later
delay phase scanning started for 30 and 120, respectively, after
the beginning of the arterial phase scanning.

Geometrical Model

Morphometric data of the abdominal aorta and primary branches
were extracted from patient CT images using the MIMICS
software (Materialise, NV, Belgium), as shown in Figure2. A
centerline was formed by a series of center points which were
located in the center on the cross-sectional views of the contour
of the 3D vessel. Subsequently, the best fit diameter, Dg, was
calculated as twice the average radius between the point on the
centerline and the contour forming the contour of the 3D vessel
(Fan et al., 2016; Huang et al., 2016). The CT reconstruction and
imaging analysis were performed by researchers (X. Huang, Q. Li
and M. Cao) at the College of Engineering, Peking University and
(F. Guo and X. Li) at the College of Medicine, Hebei University as
well as a Radiologist (X. Yin) at the Affiliated Hospital of Hebei

Mesh Generation

Based on morphometric data, geometrical models were meshed
with prismatic elements for the near wall region (number of
layers = 3, height ratio = 1.2, total height Imm) and
tetrahedral and hexahedral elements for the core region (maximal
element size = 0.3mm) using the ANSYS ICEM software
(ANSYS Inc., Canonsburg, USA) and then smoothed using the
Geomagic Studio software (3D Systems, Rock Hill, USA). Mesh
dependency and skewness and orthogonal quality metrics were
analyzed to satisfy the quality of the grids such that the relative
error in two consecutive mesh refinements was < 1% for the
maximum WSS and velocity of steady state flow with inlet
flow velocity equal to the time-averaged velocity over a cardiac
cycle, similar to previous studies (Chen et al., 2016; Fan et al.,
2016; Yin et al,, 2016). A total of 3.5-4.5 million hybrid volume
elements were necessary to accurately mesh the computational
domain. Simulations were demonstrated in a workstation
with 3GHz dual Xeon processor and 32-GB of memory,
and the computational time for each model ranged from 48
to72h.

Computational Model

Similar to a previous study (Biasetti et al., 2011), the Carreau-
Yasuda model for the non-Newtonian blood flow was performed
as:

University. The reproducibility of the measurements showed k K= Moo _ [1+ (M})a](n—l)/a (1)

value equals to 0.87. Mo — Moo

TABLE 1 | Demographics and morphometry in each patient of control and HH groups.

Groups No Sex Age Dcya(mm) Dcgera (Mm) Dga(mm)  Laa, (Mmm) L s, (mm) ggHA D[?HA Dge'rA LLAﬂ

eTA TA TA Ag--Am

Control group 1 M 31 3.14 5.47 18.11 1717 17.79 0.57 0.17 0.3 0.96
2 M 37 3.02 7.16 20.23 58.39 84.58 0.42 0.15 0.35 0.69
3 M 40 2.62 5.08 17.83 25.96 37.91 0.52 0.15 0.28 0.68
4 M 46 2.96 5.77 20.64 41.47 53.21 0.51 0.14 0.28 0.78
5 M 52 3.32 7.04 18.76 50.62 53.74 0.47 0.18 0.38 0.94
6 M 52 1.99 5.93 18.14 46.43 60.47 0.34 0.1 0.33 0.77
7 F 55 2.9 4.86 19.85 35.73 41.55 0.6 0.15 0.24 0.86
8 M 58 3.34 4.59 20.02 33.43 33.84 0.73 0.17 0.23 0.99
9 F 62 2.91 6.35 23.78 32.78 39.08 0.46 0.12 0.27 0.84

HH group 1 F 28 7.85 6.58 17.76 46.85 55.29 1.19 0.44 0.37 0.85
2 M 42 4.41 7.07 21.49 46.52 75.68 0.62 0.21 0.33 0.61
3 M 43 4.88 7.54 23.76 59.23 94.12 0.65 0.21 0.32 0.63
4 F 50 3.85 6.94 17.54 33.43 40.67 0.55 0.22 0.4 0.82
5 M 50 4.81 7.77 21.67 52.97 66.36 0.62 0.22 0.36 0.80
6 F 50 4.21 5.94 23.3 71.82 97.12 0.71 0.18 0.25 0.74
7 F 52 3.65 4.76 21.34 32.08 51.78 0.77 0.17 0.22 0.62
8 F 62 5.51 5.94 19.34 36.22 44.57 0.93 0.28 0.31 0.81
9 M 63 4.92 7.24 19.97 25.07 45.48 0.68 0.25 0.36 0.55
10 F 65 2.46 4.52 21.75 29.06 48.06 0.54 0.1 0.21 0.60
11 M 67 5.84 7.61 25.75 37.81 54.46 0.77 0.23 0.3 0.69
12 F 69 3.76 7.08 23.69 40.95 69.94 0.63 0.16 0.3 0.59
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where 119 and [t equal to 0.16 and 0.0035 Pa-s while A (8.2s),
n (0.02128), and a (0.64) refer to the relaxation time, power-
law index and Yasuda exponent, respectively. The viscosity (i)
is associated with the shear rate (). The flow velocity waveform
was measured at the thoracic aorta of a female patient (Table 1.
HH Group, No.6) through MRI scans with a one-component
cine phase-contrast sequence in a 1.5T scanner (GE Signa SP,
GE Medical Systems, Milwaukee, WI). The velocity waveform
was scaled to the Womersley profile (i.e., Equation 3 in Zheng
et al.,, 1985) as the inlet boundary condition. The fully-developed
flow boundary condition was set to each outlet, where the
diftfusion flux for all flow variables in the exit direction are zero.
Considering the high number of outflow branches, the flow rate
weighting factor (i.e., the sum of flow rate weighting factors is
100%) was set to each outlet. The flow rate weighting factor was
set to 24% at the distal abdominal aorta (Xiao et al., 2013) while
the weighting factors at other outlets were determined by the
flow-diameter scaling law (i.e., Q o« D’/3) (Huo and Kassab,
2012a, 2016; Fan et al., 2016).

The mean Reynolds number (averaged over a cardiac cycle)
at the inlet of thoracic aorta has values of 1028 £ 101 and
1065 £ 163 in control and HH groups, respectively. The
commercial software solver FLUENT (ANSYS, Inc., Canonsburg,
USA) was used to solve the Navier-Stokes and continuity
equations as:

V-u=0 )

3)

3u+ - Vi
— u-Vu
Py TP

—Vp+uViu

where p, u, and p (=1,060 kg/m®) represent the pressure,
velocity, and blood density, respectively. An implicit second-
order backward Euler method was used with a time step 0.01s.
The convergence of solutions was guaranteed by the globe
balance of the conservation equations with a RMS (Root Mean
Squared) residual criterion of 1073. Four cardiac cycles (0.84s
per cardiac cycle) were conducted to achieve the convergence
for the transient analysis similar to previous studies (Fan et al.,
2016). Hemodynamic parameters including TAWSS, OSI, and
TAWSSG were determined from the computed flow fields
in the fourth cardiac cycle, consistent with previous studies
(Chen et al., 2016; Fan et al., 2016; Yin et al., 2016). Moreover,
we computed SAR-TAWSS, SAR-OSI, and SAR-TAWSSG in
abdominal conduit arteries and bifurcations.

Statistical Analysis

The mean =+ SD (standard deviation) values of various
morphometric and hemodynamic parameters were computed
by averaging over all subjects in a population. A two-way
ANOVA (SigmaStat 3.5) was used to detect the statistical
difference of the parameters between control and HH groups. A
p-value < 0.05 was indicative of a significant difference between
two populations.

RESULTS

Figure 2 shows a schematic representative of aorta and primary
branches. Table1 lists the morphometry in each patient of

control and HH groups, which have mean =+ SD ages of 48 £ 10
and 54 £ 14 years, respectively. As shown in Table 2, parameters,
DcHa, Dcera and Dty refer to the diameters averaged along the
entire length of common hepatic artery, celiac trunk artery, and
thoracic aorta, respectively. They have mean £ SD values of
29404,58=+0.9,and 19.7 £ 1.9 mm in the control group and
47+ 14,6.6 1.1, and 21.5 & 2.5 in the HH group, which show
significant difference of Dcya (p-value < 0.05). The diameters of
CeTA and TA in HH patients are higher than those in controls
despite no statistical difference. Moreover, the diameter ratios,
Daris and Daia | in the HH group are significantly higher than

Dcera Dy 2
the control group (p-value < 0.05). On the other hand, there are

S . . L .
significantly lower ratios of linear to arc lengths (7LAA°A:4 ) in HH
o Am

CHAs compared with controls (0.69 & 0.11 vs. 0.84 £ 0.11, p-
value < 0.05). This indicates severe curvatures in CHAs of HH
patients.

The Reynolds number at the inlet of thoracic aorta with
diameters of 21.5 &+ 2.1 and 22.3 + 3.4 mm has values of 1.028

TABLE 2 | Statistical analysis of morphometric and hemodynamic parameters in
control and HH groups.

Groups Control group HH group p-value
MORPHOMETRIC ANALYSIS
DoHa (mm) Mean + SD 29+04 47 +£1.4 <0.05
95% ClI 2.6-3.2 3.8-5.5
Dceta (Mmm) Mean + SD 58+09 6.6 1.1 0.099
95% ClI 5.1-6.5 5.9-7.3
D7a (mm) Mean + SD 19.7£19 21.56+25 0.094
95% ClI 18.3-21.1 19.9-23.0
LAoAm (mm) Mean + SD 38 +£12.7 42.7 +13.6 0.432
95% ClI 28.2-47.8 34.1-561.3
Lag...A, (MM) Mean + SD 46.9 £ 19 62.0 +19.0 0.088
95% ClI 32.3-61.5 49.9-74.0
DDCCﬁ Mean + SD 0.51 £ 0.11 0.71 £0.19 <0.05
95% Cl 0.43-0.6 0.59-0.83
DDC# Mean + SD 0.15 £ 0.02 0.22 +£0.08 <0.05
95% ClI 0.13-0.17 0.17-0.27
DS#TA Mean + SD 0.3 £ 0.05 0.31 £ 0.06 0.566
95% ClI 0.26-0.33 0.27-0.35
Lhgm Mean + SD 0.84 + 0.11 069+011 <005
Lag-—Am
95% ClI 0.75-0.92 0.63-0.76
HEMODYNAMIC ANALYSIS
Dinjet (MM) 21.5+2.1 22.3+3.4 0.704
Remean 1028 + 101 1065 + 163 0.704

AREA RATIOS AT BIFURCATIONS BETWEEN CeTA AND CHA AND SA

SAR-TAWSS (%) 445 14.3 + 4.4 <0.05
SAR-TAWSSG (%) 27 + 38 36.1+ 285 0.678
AREA RATIOS IN CHAs
SAR-TAWSS (%) <0.1 6.3 + 5.1 <0.05
SAR-TAWSSG (%) 68 + 33 55.4 + 17.1 0.445
AREA RATIOS IN ABDOMINAL AORTAS
SAR-TAWSS (%) 17 + 22 436+8.4 <0.05
SAR-TAWSSG (%) 141 21+13 0.17
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=+ 101 and 1.065 £ 163 in control and HH groups, respectively.
Hence, the simulation was carried out for computation of flow
fields, based on the geometrical models and boundary conditions
in Figure 3. The highest and lowest flow velocities at the inlet of
TA occur at time instances of t; and t,, as shown in Figure 3B.
Figures 4A-C show the flow streamlines (unit: s~') at time
instances of t; and t;, TAWSS (unit: dynes/cmz) and TAWSSG
(unit: dynes/cm?), respectively, in abdominal arterial trees of a
representative control as well as a representative HH patient.
Accordingly, Figures 5A,B show the flow streamlines and vortex
cores (unit: s1) at the bifurcation between the celiac trunk artery
and common hepatic and splenic arteries. At some time instances
in a cardiac cycle, stagnation flow as well as slight reversal flow
occurs in three major sites: opposite to flow divider, lateral to
junction orifice, and inner curvature, which results in a low
TAWSS. Moreover, transient secondary flow leads to complex
flow patterns near the bifurcation carina. Hence, we computed
SAR-TAWSS and SAR-TAWSSG to analyze the hemodynamics
in CHAs and abdominal aortas and at bifurcations between
CeTA and CHA and SA in the two groups, as shown in Table 2.
Since SAR-OSI < 1%, it is neglected here. Hepatic hemangiomas
significantly increase SAR-TAWSS (14.3 + 4.4 vs. 4 £ 5 at
bifurcations between CeTA and CHA and SA, 6.3 5.1 vs. < 0.1
in CHAs, and 43.6 + 8.4 vs. 17 £ 22 in abdominal aortas
for HH vs. control groups, p-value < 0.05) and impair the

hemodynamics in the large abdominal arterial tree. There is no
statistical difference of SAR-TAWSSG between control and HH
groups.

DISCUSSION

The study compared morphometry and hemodynamics in the
abdominal aorta and primary branches between control and HH
patients. The major findings are reported as: (1) HH increase
the lumen size in the abdominal arterial tree significantly and
show higher ggﬁ and %C—fAA in comparison with controls (p-
value < 0.05); (2) HH lead to severe curvature in CHAs; and
(3) HH result in a significant increase of SAR-TAWSS due to
abnormal flow patterns in CHAs and abdominal aortas as well as
at bifurcations between CeTA and CHA and SA. The findings are
discussed in relation to the potential incidence and progression
of cardiovascular diseases.

The prevalence of HH ranges from 0.4 to 7.3% of all space-
occupying hepatic lesions (Ishak and Rabin, 1975; John et al.,
1994). Since benign HH of small size received little attention
(John et al., 1994), previous studies emphasized on the treatment
of large HH that cause clinical symptoms (Cui et al., 2003;
Zagoria et al., 2004; Tak et al,, 2006) and neglected potential
impairments of small HH. To our knowledge, the present study
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FIGURE 4 | (A) Flow streamlines (unit: 3—1) at time instances with the highest and lowest flow velocities at the inlet of TA (i.e., t1 and t in Figure 3B), (B) TAWSS
(unit: dynes/cmz), and (C) TAWSSG (unit: dynes/cms) in a representative control and a representative HH patient.
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HH Group

first investigates the effects of small HH on morphometry and
hemodynamics of the large abdominal arterial tree.

The CT reconstruction showed an increase of lumen size
and curvature in the abdominal aorta and primary branches of
HH patients. There is higher expression of VEGF and IL-7 in
HH patients, which contribute to microvascular malfunctions
(Trastek et al., 1983; Mahajan et al., 2008; Wang et al., 2012).
The overexpression of VEGF and IL-7 can also be critical risk
factors for the morphometric changes of large abdominal arterial
trees (Lu and Kassab, 2011; Kim and Byzova, 2014). Moreover,
HH are comprised of a chaotic enlargement of distorted micro-
vessels such that the flow overload in large conduit arteries occurs
to satisfy the balance of supply and demand. The remodeling of

conduit arteries in flow overload should conform to the “uniform
normal and shear stress hypothesis” (Kassab et al., 2002; Huo
et al., 2007a; Huo and Kassab, 2012b), which results in the
increased lumen size and curvature of abdominal conduit arteries
(Garcia and Kassab, 1985).

A key finding is the deteriorated hemodynamic environment
at bifurcations between CeTA and CHA and SA and in
abdominal aortas and CHAs of HH patients. In comparison
with controls, the significantly increased ggg’:\ induced more
complex flow patterns (e.g., stagnation flow, reversal flow,
and second flow) at bifurcations between CeTA and CHA
and SA in HH patients, as shown in Figure5. Here, SAR-
TAWSS, SAR-OSI, and SAR-TAWSSG were used to characterize
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the complexity of flow patterns similar to previous studies
(Chen et al., 2016; Fan et al, 2016; Yin et al, 2016). The
5-fold increase of SAR-TAWSS and unchanged SAR-OSI and
SAR-TAWSSG indicated the deteriorated hemodynamics at
bifurcations of HH patients. On the other hand, we have
shown low TAWSS on the inner curvature mainly due to the
stagnation flow (Huo et al, 2007b, 2008, 2009). The HH-
induced curvature significantly increased the values of SAR-
TAWSS in both abdominal aortas and CHAs. Therefore, HH
impaired the hemodynamics in the large abdominal arterial
tree.

Potential Implications

Low TAWSS, high OSI, and TAWSSG can stimulate the vessel
wall to induce abnormal biochemical signals relevant to multiple
cardiovascular diseases (Chiu and Chien, 2011). Since most
of HH are small and benign, previous studies focused on the
microvascular malfunctions and microcirculation, but neglected
the possibilities of hemodynamic impairments to abdominal
conduit arteries. The present study implies that HH-induced
morphometric and hemodynamic changes could lead to the
incidence and progression of various vascular diseases (e.g.,
intimal thickening, atherosclerosis, vascular stiffness, and so on)
in abdominal conduit arteries. Moreover, this study implies that
the use of antibodies against VEGF and IL-7 could inhibit the
development of HH and vascular diseases occurring in large
conduit arteries.

Critique of the Study

The retrospective data were collected from a single center
such that the sample size of HH and control patients was
relatively small. For further hemodynamic analysis, the large
sample size should be collected from multiple centers to ensure
the questionnaire sample requirement. Furthermore, prospective
studies are required to investigate the effects of HH on various
vascular diseases occurring in large conduit arteries. Although
the simulation with non-Newtonian model was used to compute
the pulsatile blood flow, we neglected the effects of vessel
compliance. The FSI (i.e., fluid-structure interaction) simulation
should be carried out and validated against the measurements
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APPENDIX

1. SAR-TAWSS at the bifurcation:

surface area ratio of
Surface area..

low TAWSS (= Bifurcatii)ltlwsslfrsfscdey:i;miz X 100%) at
the bifurcation between the celiac trunk artery and
common hepatic and splenic arteries. The end-to-side
“bifurcation surface area” is defined as the surface area
of the proximal graft (5 mm length) to the bifurcation
center plus the surface area of the distal arteries (5
mm length) to the bifurcation center. Surface area of
TAWSS < 4 dynes/cm2 refers to the disease-prone site
(Malek et al., 1999).

. SAR-TAWSS in the artery: surface area ratio of low TAWSS

_ Surface areaT‘AWSS§4 L:lynes-cm’2
Surface area of the artery
area of the artery” refers to the surface area of the celiac trunk

artery (or abdominal aorta).

x 100%) in the artery. “Surface

. SAR-OSI at the bifurcation: surface area ratio of high OSI

Surface area . .
(= g B0 5 10(0%) at the bifurcation between
Bifurcation surface area
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Injection-Less Conductance Method
for Vascular Sizing

Ali E. Dabiri’ and Ghassan S. Kassab %*

"3DT Holdings, San Diego, CA, United States, 2 California Medical Innovations Institute, San Diego, CA, United States

Lumen vessel sizing is important for optimization of interventional outcomes for treatment
of vascular disease. The objective of this study is to develop an injection-less method
to determine the lumen diameter, using multiple frequencies that eliminates the need
for saline injections. We utilize the same electrical conductance devices developed for
the two-injection method. A mathematical electrical model was devised to estimate the
lumen area and diameter of the arteries. In vitro experiments were used to validate the
method for various lumen diameters with both 5-5-5 (peripheral) and 2-2-2 (coronary)
spacing conductance guidewires. The majority of 11 vessel data fall within one standard
deviation and all the data fall within two standard deviations. The results indicate that
the two-frequency model can reasonably predict the lumen diameter in an in-vitro test
set-up. Our findings show that this approach can potentially translate to in vivo which
would enable pull-back to reconstruct the lumen area profile of the vessel.

Keywords: conductance catheter, artery disease, saline injection, lumen area, vessel profile

INTRODUCTION

The clinical significance of accurate sizing of an artery for percutaneous treatment has been well
established by numerous randomized clinical trials (Katzen et al., 1991; Arko et al., 1998; Lee et al.,
1998). Under-sizing causes an increase in restenosis rates and oversizing may cause dissection,
perforation, or acute vessel closure. The value of optimal sizing during percutaneous transluminal
angioplasty (PTA) has been validated in numerous studies using intravascular ultrasound (IVUS).
For PTA, IVUS improves procedural results due to optimal balloon sizing leading to significant
improvement in luminal dimensions (Katzen et al., 1991; White et al., 1997; Arko et al., 1998;
Lee et al., 1998). Despite the utility of IVUS, it is not used routinely in the clinic because of the
added time, complexity, subjective interpretation of images, cost, and required training associated
with its usage. Angiography (visual estimation or “eye balling” and quantitative angiography, QA),
however, is used more routinely but uses a 2D slice projection of a 3D vessel and relies upon edge
detection (which assumes a circular vessel). Hence, QA lacks accuracy for sizing because of spatial
resolution and irregularity of vessel geometry (i.e., non-circular diseased vessels). Incorrect sizing
visual estimation and QA has been shown to lead to suboptimal therapy delivery and diminished
patient outcomes (Katzen et al., 1991; Dietz et al., 1992; Di Mario et al., 1992; Keane et al., 1995;
White et al., 1997; Arko et al., 1998; Lee et al., 1998). We have performed pre-clinical and clinical
studies to validate the functionality of our 0.035” LumenRECON (LR) guidewire as a standard
workhorse guidewire for vessel navigation and an accurate diagnostic tool for luminal sizing in
comparison with other imaging modalities (e.g., QA, IVUS and duplex ultrasound). The lumen
sizing has been performed by two-bolus injections of saline solutions with different salinities
(normal and half normal) (Kassab et al., 2004, 2005, 2009; Hermiller et al., 2011; Choi et al., 2017;
Nair et al., 2018).
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The saline injections complicate a standard pullback
procedure to determine continuous real-time quantitative
measurement of lumen cross sectional area (CSA). Furthermore,
the assumption of the injection method is that the saline solution
will transiently displace the blood during the injection. This
requires good engagement of the introducing catheter to allow
a brisk flush (similar to contrast injection for an angiogram).
Finally, an additional underlying assumption is that the parallel
conductance, Gp, is constant over the injections of two different
saline solutions. This assumption may be challenged when
Gy becomes excessively high (e.g., when over 90% of current is
lost through the vessel wall and surrounding tissue) (Choi et al.,
2017).

Although there are several advantages of the electrical
conductance technology given the ease of use in comparison
with IVUS (real-time measurements, no need for interpretation,
etc.) in a recent first in man (Nair et al., 2018), the latter does
not require a saline flush (unlike optical coherence tomography,
OCT). Here, a methodology was developed to eliminate the need
for saline injections using multiple frequencies to calculate the
vessel lumen cross-sectional area. Although similar technique
has been attempted to estimate the left ventricular volume
(Wei, 2004), they have been based on empirical parameters
(as compared to our approach which is entirely physics-based)
or have involved the need for parameters that are invasively
measured and hence not clinically translational.

The objective of this study is to develop a two-frequency
method that eliminates the need for saline solution injections.
The basic premise is to vary the electrical admittance by varying
energy (i.e., frequency) rather than salinity. We validate this
approach in phantoms and in ex-vivo vessels. We utilize the
same conductance guidewire that has been developed for the
two-injections method (5-5-5 spacing for peripheral and 2-
2-2 guidewire for coronary vessels). This study provides the
foundation for a method to measure the vessel lumen diameter in
real-time as well as to allow pullback profiles of vessel lumen with
unprecedented accuracy to guide therapy delivery for treatment
of vascular disease.

METHODS

Mathematical modeling of this technique is described in the
Appendix of this paper. Here, we describe the general method
to obtain the lumen and vessel wall tissue conductivity. We also
describe the method for the ex-vivo study. Finally, both 5-5-5 and
2-2-2 spacing wires were used in the experiments to measure the
diameters of peripheral (4-10 mm diameter range) and coronary
(2-5mm diameter range), respectively. The spacing numbers
represent the distance between the four electrodes in mm. The
larger spacing is associated with the 0.035” diameter guidewire
for peripheral vessels while the smaller one is associated with
the 0.014"" diameter guidewire for coronary vessels. This is to
ensure that the excitation to excitation distances, d (18 mm and
9mm for 5-5-5 and 2-2-2, respectively) is approximately twice
the diameter (dp) of the largest vessel of interest (10 and 4 for
peripheral and coronary, respectively; i.e., d/d, > 2) to obey the
cylindricity assumptions (Choi et al., 2017).

Phantom Studies

The blood and lumen wall tissue conductivities are needed to
estimate the lumen diameter by the injection-less method. The
ideal method to determine the blood conductivity in the lumen is
in phantoms where the diameter is known and the surrounding
tissue conductivity is zero. The blood conductance was estimated
using the two-frequency approach. The admittance at various
frequencies was calculated by applying the values obtained from
equations A8 and A9 (see Appendix) for frequencies of 10 and
100 kHz. The blood conductivities were calculated from the value
(system resistance) determined from the two-frequency model
(Appendix).

Ex-Vivo Studies

The objective of the ex-vivo study was to estimate the mean
and standard deviation (SD) of the difference in vessel diameter
as measured by an optical method and the model prediction
for different lumen sizes. Eleven ex-vivo experiments were
performed to validate the model for both 5-5-5 and 2-2-
2 guidewires with 0.45% saline solution flowing inside the
lumen. The lumen diameters ranged from 1.7 to 8 mm (TR
range of 0.16-0.9). An estimate of the vessel wall electrical
conductivity is needed to predict the vessel diameter using the
two-frequency approach. The bovine carotid artery was placed
in de-ionized water bath perfused with the 0.45% saline at
room temperature to measure the total impedance of tissue.
The lumen diameter and the tissue thickness were measured
optically. A two-frequency model was used to convert the
measured voltage to the sum conductance of the lumen and the
tissue wall. The lumen conductance can be obtained from the
known diameter of the lumen and the conductivity of the saline
solution which was obtained from the phantom experiments.
The tissue conductance can be determined as the total minus
the lumen conductance. The tissue electrical conductivity was
calculated from the tissue conductance and the cross-sectional
area of the tissue. Experiments were performed with bovine
carotid artery to estimate the electrical conductivity of the tissue
surrounding the artery at room temperature. The artery diameter
was measured optically to be about 3.2 mm with the thickness
of the vessel wall tissue of about 2.5 mm at no-load state (zero
pressure condition). The excitation current was 100 pA rms
and the voltages were measured in the frequency range of
10-80 kHz.

The bath is constructed from a Plexiglas box with dimensions
of 9H x 25W x 25L cm which contains the vessel and the
necessary plastic tubes for the saline solution flow. The bath
was filled with the de-ionized water to measure the tissue
conductivity. The water fully covered the vessel with 4.5cm
above the height of vessel. The bath width was varied by placing
circular tube with various diameters around the vessel to be
able to calculate the contribution of parallel conductance to the
total conductance as function of bath diameter. In this mode
of operation, the bath is filled with 0.1% saline solution which
closely represents the in-vivo condition.

Once the tissue conductivity is known, it can be used
to analyze the mean differences in diameter as measured by
the optical method and the model prediction for different
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lumen sizes as follows. The total conductance can be separated
into two components, lumen conductance, G, and parallel
conductance, Gp. The following equation holds for the two
electrical conductances:

G=G,+Gp=1/R (1)
The lumen diameter can be obtained by combining Equations
(A2), (A7), and (1) to yield following relation:

J \/ 4L + ”RabIdealdéw
b =
7 R(Op1deal + 40t1deal TR (1 + TR))

(2)

where d is the excitation electrode separation distance, L is the
sensing electrode separation distance, 0pj4e, and o4, are the
blood and tissue conductivities, respectively; dgw is the diameter
of the guidewire, R is the system resistance defined in the two
frequency model (see Appendix), TR is the ratio of the wall tissue
thickness and lumen diameter, and d, is the lumen diameter. The
lumen diameter can be estimated from the total conductance, and
the conductivities of the blood and the vessel wall tissue. The
blood conductivity is both a function of frequency and lumen
diameter. An iterative method was used to calculate the lumen
diameter. A two-frequency model was used to determine the R
resistance of the total system by measuring the voltages at two
frequencies.

Series of ex-vivo experiments were performed to determine
the ratio of lumen conductance to parallel conductance. The
tests were performed with the bovine carotid artery immersed
in a 0.1% NaCl solution bath to simulate the level of parallel
conductance in vivo. The width or diameter of the bath around
the vessel was varied in four dimensions of 2.1, 4.9, 11.7, and
20.9 mm. The 0.45% saline solution was used to perfuse through
the vessel lumen. The guidewire had electrode spacings of 5-5-
5 and the applied current was 300 nA rms. At each step, the
voltages were measured at two frequencies. The first experiment
was performed without any parallel conductance (suspended in
air) to calculate the vessel wall tissue conductivity.

The methodology for the determination of vessel diameter
using the two-frequency method is an iterative process as follows.

1) Blood conductivity: For ex-vivo conditions, the description of
blood conductivity measurements in phantoms is described
above. Under in vivo conditions, the guidewire will be inserted
in the standard introducing catheter (typically 5Fr or 6Fr)
with some aspiration of subject blood into the catheter to
measure blood voltage drops across the detection electrodes
at 10 and 20kHz. The value of voltage differences at these
two frequencies are large enough for small lumen diameters.
The voltages will be converted to the impedance by dividing
the electrical current to the measured voltages. The blood
conductance in the catheter will be calculated from Equation
(A8, Appendix) which is the inverse of R. The blood ideal
conductivity in the catheter will be calculated since the
diameter of the introducer catheter is known.

Total conductance: The sizing guidewire will then be inserted
in the lumen of blood vessel to measure blood voltage drops

2)

across the detection electrodes at 10 and 20 KHz. The voltages
will be converted to the impedance by dividing the electrical
current to the measured voltages. The total conductance in the
lumen will be calculated from Equation (A8, Appendix) which
is the inverse of R.

Blood conductance: Equation (A2, Appendix) will be applied
to determine the blood conductance,Gp, using the blood
conductivity in the lumen obtained in step 1. This term is
only a function of the lumen diameter which is the variable
of interest. The blood conductance will be calculated by an
initial estimate of the lumen diameter.

Parallel conductance: The parallel conductance will be
determined from Equation (1) by G — Gy, which is only
function of lumen diameter. This is based on assumption
that the tissue wall conductance makes up a portion of
the parallel conductance. The parallel conductance will be
obtained by the integration of a term from the lumen wall to
the surrounding tissue thickness. This term is a product of the
tissue conductivity, the electric field at any point within the
surrounding tissue thickness and the corresponding annular
surface area. The value of the parallel conductance from
this calculation is also a function of the lumen diameter
since the integration starts from the lumen wall. The parallel
conductance has been modeled and discussed in the next
section. The model results indicate that there is a fixed
ratio of the parallel conductance to total conductance for a
specific guidewire, specific blood, specific diameter, specific
surrounding tissue conductivity, and specific surrounding
tissue thickness. Any resulting error associated with the
parallel conductance calculation will result in a similar error
in the lumen conductance calculation, which in turn results
in an error in the lumen diameter calculation. The error in
the lumen diameter is almost half the error in the lumen
conductance for small errors since the lumen diameter is
proportional to the square root of lumen conductance.
Diameter determination: The diameter can be determined by
setting the values of the parallel conductance determined by
the two procedures to be equal. If this value of the lumen
diameter is not the same as the initial estimate, then a new
value will be selected and the process will be repeated till the
parallel conductance from the two procedures approach each
other within 2%. The schematic of the methodology is shown
in Figure 1.

3)

4)

5)

Statistical Analysis

The relation between the predicted lumen diameter vs.
optically measured were expressed by linear least squares
fit and a corresponding correlation coefficient R%. In a
Bland-Altman scatter diagram, we plotted the difference
in these two diameters against their means (Bland and
Altman, 1986). We assessed the repeatability of the technique
by making measurements in duplicates. We calculated
the mean and standard deviation of the differences. We
used the standard deviation of the differences as the
repeatability coeflicient (Standards British Standards Institution,
1979).

Frontiers in Physiology | www.frontiersin.org

64

April 2018 | Volume 9 | Article 371


https://www.frontiersin.org/journals/physiology
https://www.frontiersin.org
https://www.frontiersin.org/journals/physiology#articles

Dabiri and Kassab

Blood Vessel Sizing

FIGURE 1 | Injection-less method for pull back procedure.

Blood conductivity measurement in the catheter

Initial estimate of lumen diameter

Blood Conductance Calculation

Surrounding tissue conductivity estimate by measuring
the parallel conductance at one point along the lumen
length by saline solution method

Parallel conductance estimate by the conductance
calculation procedure

Parallel conductance estimate by electric field distribution
calculation procedure

If these two estimates do not agree, change
the initial estimate of the lumen diameter and
repeat the process till the two values converge

within 2%

RESULTS

Phantom Experiments

The experiments were performed at room temperature with both
blood and 0.45% NaCl saline solution in phantoms of various
diameters with 5-5-5 and 2-2-2 guidewires from 0.1 to 100 KHz
with 100 A rms current of sinusoidal shape. The measured
voltages are shown in Table Al in Appendix for the 0.45% saline
solution for 5-5-5 guidewire at room temperature.

The ideal conductivities have been calculated from the R
resistance values determined from the two-frequency model.
Example of R values is shown in Table A2 in Appendix
for lumen diameter of 4mm with 0.45% saline solution at
room temperature at different frequencies. The R values have
been calculated for all combinations of two frequencies. These
combinations have been grouped into five categories. In each
category, the first frequency is the same while the second
frequency was made to vary. It is observed that the value of
R (inverse of conductance) is relatively constant in each group
and decreases with increase of frequency. This results in increase

of conductivity with frequency. The ideal conductivities are
calculated from R values and lumen diameters and are shown in
Table 1. The conductivities decrease with diameter and increase
with frequency. The same procedure was performed with 2-2-2
guidewire and the ideal conductivities results are shown in Table
A3 in Appendix for 0.45% saline solution.

Ex-Vivo Experiments
Table 2 shows the tissue wall conductivities at various frequencies
where the lumen diameter is 3.2mm with wall thickness of
2.5 mm (TR was calculated to be 0.79). The tests were performed
at room temperature with 5-5-5 guidewire with 0.45% saline
solution flowing inside the lumen. The results indicate that tissue
conductivity is essentially constant in this frequency range.
Figure 2A shows the predicted lumen diameter vs. optically
measured for 11 ex-vivo tests with the line of equality. The tissue
conductivity for all the tests data analysis which is required
as input to the model were set to be 0.4 S/m according to
Table 2. The saline solution conductivities were obtained from
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TABLE 1 | Calculated ideal conductivity of 0.45% saline solution for various
phantom diameters as function of frequency at room temperature for
5-5-5-guidewire.

Conductivity (o) Diameter (mm)
(S/m) 1.75 3 4 6 8
FREQ (Hz)
10,000 1.7000 1.6000 0.9500 0.8800 0.8000
20,000 2.2000 1.6000 1.0000 0.9000 0.8100
40,000 2.4000 1.6000 1.0300 0.9200 0.8200
60,000 2.6000 1.7000 1.0400 0.9500 0.8300
80,000 2.8000 1.8000 1.0600 0.9500 0.8300
TABLE 2 | Vessel wall tissue conductivities at various frequencies at room
temperature for 0.45% saline solution flowing inside the lumen.
Diameter (mm)

Obldeal GL Gt Otideal
Freq (Hz) d=32mm mS mS S/m
10 1.4 1.75 2.97 0.39
20 1.5 1.88 2.98 0.39
40 1.4 1.75 3.12 0.41
60 1.5 1.88 3.04 0.40
80 1.6 2.01 3.16 0.41

GL and Gt are the lumen and tissue conductance respectively.

the conductivities tables by iteration to correspond to the final
lumen diameter prediction. The figure compares the diameters
obtained by the optical measurement and the model prediction
for the 11 experiments. The Bland-Altman plot is shown in
Figure 2B. The abscissa of this chart represents average diameter
obtained from optical measurement and model prediction for
the 11 experiments. The ordinate of this chart represents the
difference in these two diameters for the 11 data points. One
standard deviation (1SD) was 0.17 mm and the majority of the
data (70%) fall within 1SD and all the data fall within 2SDs.
The results indicate that the two-frequency model can accurately
predict the lumen diameter in ex-vivo measurements.

A sensitivity analysis was performed with respect to variation
in the tissue thickness. The result indicates that the lumen
diameter changes by 1-7% for 20% change in the tissue wall
thickness depending on the ratio of the wall thickness to lumen
diameter (0.2-0.6). Another sensitivity analysis was performed
with respect to variation in tissue conductivity. The result
indicates the lumen diameter changes by 2-5% for 20% change
in the tissue conductivity depending on the ratio of the wall
thickness to lumen diameter (0.2-0.6).

Table 3 shows the variation of total conductance with respect
to bath diameter. The parallel conductance increases with the
bath diameter since the increase in the total conductance is only
due to the bath diameter. Table 4 demonstrates the ratio of bath
conductance to the total conductance as function of the bath
diameter at different frequencies for the same vessel. The ratio
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el w »
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FIGURE 2 | (A) Predicted lumen diameter vs. optically measured for the 11
in vitro tests with the line of equality. (B) Bland-Altman chart for the 11 in vitro
tests.

TABLE 3 | Variation of total conductance with respect to the bath thickness.

G_total t_bath(mm)

Freq (kHz) 0.000 2.118 4.868 11.668 20.868
10 4.6579 6.4886 8.3578 11.3277 12.8155
20 4.6579 6.6399 8.6467 11.9102 13.4538
40 4.7826 6.6144 7.9449 11.6696 12.4735
