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Cardiovascular diseases are the leading cause of mortality
worldwide. Understanding the mechanism and developing
techniques for diagnosis, treatment, and prevention remain
as challenging issues. Biomechanics research plays an impor-
tant role in all these aspects. Computer-based simulations of
dynamic processes in the cardiovascular system are emerg-
ing as a powerful tool in delineating the biomechanical
mechanisms and developing new treatment technologies for
cardiovascular diseases. Although there have been extensive
studies in these areas, many issues remain unsolved. The
articles collected in this special issue presented new advances
on the modeling and simulations of processes involving
stenosis, clot, plaque, aneurysm, left ventricle syndrome,
and so forth. These results reveal significant insights into
the prediction, evaluation, and treatment of cardiovascular
diseases. We hope that this special issue will also advance
research in medical devices and surgical planning through
computational simulations.
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Background. Calcification is commonly believed to be associated with cardiovascular disease burden. But whether or not the
calcifications have a negative effect on plaque vulnerability is still under debate.Methods and Results. Fatigue rupture analysis and
the fatigue life were used to evaluate the rupture risk. An idealized baseline model containing no calcification was first built. Based
on the baselinemodel, we investigated the influence of calcification on rupture path and fatigue life by adding a circular calcification
and changing its location within the fibrous cap area. Results show that 84.0% of calcified cases increase the fatigue life up to 11.4%.
For rupture paths 10𝐷 far from the calcification, the life change is negligible. Calcifications close to lumen increase more fatigue
life than those close to the lipid pool. Also, calcifications in the middle area of fibrous cap increase more fatigue life than those in
the shoulder area. Conclusion. Calcifications may play a positive role in the plaque stability. The influence of the calcification only
exists in a local area. Calcifications close to lumen may be influenced more than those close to lipid pool. And calcifications in the
middle area of fibrous cap are seemly influenced more than those in the shoulder area.

1. Introduction

Rupture of atherosclerotic plaque is a major cause of human
mortality worldwide, which makes the prerupture identifica-
tion of vulnerable atheroma extremely important for patient
risk evaluation. Evidences have shown that the composition
of an atherosclerotic plaque, rather than its degree of stenosis
or size, is usually of more importance for acute clinical
events. Generally a vulnerable plaque is often found to be
associated with a thin fibrous cap, a high inflammation
burden, a large lipid pool, macroscopic heterogeneity, and
so on [1, 2]. Calcification is commonly believed to be asso-
ciated with cardiovascular disease burden [3–7]. Recently,
the influence of calcification on plaque vulnerability has
raised many research interests [8–12]. There are many ways
to image the calcification in plaque, such as noninvasive
molecular imaging probes. Chen and Dilsizian [13] used the
molecular probe 18 F-sodiumfluoride (18 F-NaF) for positron
emission tomography (PET) imaging, which targets active

microcalcifications in atherosclerotic plaques. Kimura et al.
[14] revealed a significantly higher frequency of lipid-rich
plaque with microcalcification in lesions with echo signal
attenuation.

The role that the calcification plays in plaque vulnerability
is still under debate. Some studies indicated beneficial effects
in stabilizing the plaque, making it stiffer and less prone
to rupture [15, 16], while others tended to believe it would
increase the risk of plaque rupture [3, 17]. Studies from
Mauriello et al. [18] showed that the calcification, as well
as its distance from the lumen, is not correlated with the
presence of unstable plaques. Thus, the authors suggested
that the calcification is not useful to identify the vulnerable
plaque. Hermann et al. [19] found that individuals suffering a
stroke have significantly higher coronary artery calcification
(CAC) values at baseline than the remaining individuals,
and furthermore CAC is an independent stroke predictor
in addition to classical risk factors for those patients at
low or intermediate vascular risk. Moreover, mechanical
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Figure 1: Different calcification cases. Here the capitals N, M, and F, respectively, mean a near, middle, and far distance from the lumen; and
the number after the letter means the angle from the 𝑥-axis.

experiments on human carotid plaques by Mulvihill et al.
[20] showed that calcification in the tissue structure may lead
to increased vulnerability of the plaque. On the other hand,
it was demonstrated by Shaalan et al. [21] that symptomatic
plaques are less calcified and more inflamed than asymp-
tomatic plaques, implying that the calcification may reduce
the plaque rupture risk. Wahlgren et al. [22] investigated
thirty carotid endarterectomy plaques which were classified
as noncalcified and calcified and obtained a similar result
that fibrous cap inflammation is more likely to occur in
noncalcified than in calcified plaques, suggesting that plaque
calcification may result in protection against the rupture of
plaque.

Computational studies on microcalcifications have also
been investigated previously. Kelly-Arnold et al. [23] exam-
ined the spatial distribution, clustering, and the shape of
different microcalcification size in fibrous caps and found
that nearly all fibrous caps have microcalcifications, but only
a small subset has rupture potential. Bluestein et al. [24]
developed a fluid-structure interaction (FSI) model to study
the microcalcification effects on the plaque vulnerability and
found that calcification can increase plaque vulnerability.
Cilla et al. [25] investigated the effect of microcalcifications
on the stress field of an atheroma plaque vessel section
by performing a parametric finite element study on an
idealized model. Vengrenyuk et al. [26] investigated the
stress distribution using the multilevel micro-CT based 3D
numerical modeling techniques. Results showed that the
peak circumferential stress increases with the existence of
calcifications (inclusions) and may grow even higher by
elongated microcalcifications, while in contrast, macrocalci-
fications in cap shoulders were shown to actually increase the
plaque stability.

Despite the above viewpoints that the stress induced by
normal blood pressure or shearing flow characterizes the
vulnerability of plaques, another possible mechanism that
the rupture may result from fatigue accumulating process

has been investigated [27–29]. The remaining fatigue life of
plaque thus may be used to evaluate the rupture risk [30, 31].
In the current study, we investigated the influence of calcium
deposition on plaque rupture from the fatigue crack growth
point of view. Here, we built an idealized model in which
only one calcification is included. Based on the model, we
investigated the influence of calcification on crack path and
fatigue life. Moreover, we changed the calcification location
in order to inquire its impact.

2. Methods

An idealized model was created with a blunt crescent-shaped
lipid pool and a circular calcification embedded. The cross-
section includes 5 parts: the arterial wall, the fibrous cap, the
lumen, the lipid pool, and the calcified inclusion.The baseline
cross-section without the calcification had the thickness of
the fibrous cap as 10mm, the thickness of the lipid pool as
15mm, and the angle of the lipid pool which is used to control
the length of the lipid pool as 45∘.

The calcification was assumed to be a circular inclusion
in fibrous cap area with the radius 𝑟 of 0.8mm. Calcified
inclusions are put into variable locations to investigate their
influence of the fatigue life as well as the vulnerability of the
plaque. Here two parameters, the distance from the lumen 𝑑
and the angle from the 𝑥-axis 𝛼, were used to locate the calci-
fication center. In the study, 𝑑 varied among 2.5mm (Near),
5.0mm (Middle), and 7.5mm (Far), and 𝛼 was among 0, 15∘,
30∘, 45∘, 60∘, 75∘, and 90∘. Totally 21 different calcification
locations as shown together in Figure 1 were investigated. In
Figure 1, the capital letters N, M, and F, respectively, mean a
near, middle, and far distance from the lumen; and number
next to the letter means the angle from the 𝑥-axis.

In our study, plaque rupture was understood as a result of
fatigue process under cyclic blood pressure. As the stress at
the crack tip is infinity, we adopt stress intensity factor (SIF)
𝐾 to describe the status at the crack tip. The Paris Law was
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used to calculate the crack growth rate. Paris found that the
fatigue crack growth rate is related to the change of SIF within
one stress cycle, and the equation is

𝑑𝑎

𝑑𝑁
= 𝐶 ⋅ Δ𝐾

𝑚

. (1)

Here 𝑎 is the crack length.𝑁 is the number of cycles, namely,
the number of heartbeats. 𝐾 is the SIF change within one
stress cycle (one heartbeat), namely, the 𝐾 under the systolic
pressure minus that under diastolic pressure. 𝐶 and 𝑚 are
material constants. Since no fatigue test on human plaque has
been reported so far, here the outcome from rubber will be
used and 𝐶 and 𝑚 are, respectively, chosen given as 3.16E-5
and 2.12 [32]. Using a different value of 𝐶 and 𝑚 would not
change the general conclusions for this study.

The maximum circumferential stress criteria [33] were
adopted to calculate the crack growth direction. In the theory,
the growth angle 𝜃, defined as the angle between the growth
path and the local 𝑥-axis, is determined by

𝜃 = arctan 𝐾
𝐼𝐼

√𝐾
2

𝐼

+ 8𝐾
2

𝐼𝐼

− arctan 3𝐾𝐼𝐼
𝐾
𝐼

. (2)

In numerical simulation, the initial crack should be created
first. Then the finite element model of the cracked vessel is
solved. With the obtained Δ𝐾(𝑎

𝑗
), the crack growth rate and

direction can be calculated through (1) and (2), respectively.
The new crack tip could thus be predicted. And with updated
crack tip, the above calculation starts again. This loop keeps
running until the crack reaches the boundary of plaque
boundary, that is, the lipid pool or artery wall. At this time,
we will judge the plaque as “ruptured,” and the crack growth
path L as well as the total number of heartbeats 𝑁

𝑟
could be

obtained.Thus, the plaque life 𝑇 for this rupture path L could
be estimated as

𝑇L =
𝑁r

Heart rate
. (3)

As said above, the study includes a baseline vessel and 21 calci-
fied vessels. Here for each vessel case, we also introduce many
different crack initial locations. Each crack initialization—we
called it one computational case—leads to a crack growth path
L and its corresponding plaque life 𝑇L. These crack growth
paths could be understood as possible rupture paths for the
plaque.Thus, the value of computed plaque life could thus be
used to evaluate the possibility of a rupture path. A longer life
implies a lower rupture riskwithin a fixed and upcoming time
period, one year for instance, and vice versa.

In the study, initial cracks in baseline cross-section were
manually created from 0∘ to 180∘ with a step of 9∘, respectively
(21 cases). Correspondingly, the results are used as baseline
values for comparison. Initial cracks for calcified cross-
sections are createdmainly from 𝛼−45∘ to 𝛼+45∘, also with a
step of 9∘ (10∼12 cases for each cross-section).This is because
the calcification is relatively in a very small size that cracks
initialized farther than 𝛼 ± 45∘ will lead to nearly the same
results as that of the baseline.

The numerical simulation was implemented in the
finite element software ABAQUS (Version 6.10, Providence,

RI). The distributed blood pressure (a systolic pressure of
120mmHg and a diastolic pressure of 80mmHg) is applied
on the lumen surface. The heart rate is given as 70 per
minute here. 8-node quadrilateral elements are used to mesh
all models, while collapsed triangle elements are distributed
around the crack tip.

Linear and elastic constitutive relation is used for all
plaque components. The Young modulus of the arterial wall,
the fibrous cap, the lipid pool, and the calcification was
chosen as 𝐸

𝑤
= 0.3Mpa, 𝐸

𝑝
= 0.6Mpa, 𝐸

𝑙
= 0.02Mpa,

and 𝐸
𝑐
= 10Mpa, respectively [30]. Poisson’s ratio for each

component was set as ]
𝑤
= ]
𝑝
= ]
𝑙
= ]
𝑐
= 0.48.

3. Results

As said above, our computations covered the baseline vessel
and 21 calcified vessels. Also, there are 21 crack attempts of
initialization (computational cases) for the baseline and 10∼
12 for the calcified cases. Totally 21 + 231 = 252 cases are
calculated. Results are shown in Figure 2, in which a rupture
path corresponds to a computational case. It could be found
that the calcification seemly will not significantly change the
baseline rupture directions.

The fatigue life changes due to the calcification at all crack
paths are investigated, aiming to answer the following three
questions. (1) Does the calcification influence the plaque
vulnerability, positively or negatively? (2) How large a scope
of area the calcification will influence? (3)Does the influence
depend on the location of calcification?

3.1. Calcification May Increase Plaque Stability. All data are
collected and box-plotted together in Figure 3. It could be
seen that, for 194 out of 231 calcified cases (84.0%), the fatigue
life of the plaque increases up to 11.4%. In contrast, the
biggest life decrease is just −1.3%, which actually could be
ignored. Therefore, it could be inferred that the existence of
calcifications may play a positive role in the plaque stability.

3.2. Influence Scope. To investigate scope of area in which
the calcification may influence, all results are regrouped
and plotted together in Figure 4. Here the 𝑥-axis is a ratio
between crack-calcification distance 𝑑CL and the calcification
diameter 𝐷 (1.6mm), where 𝑑CL means the distance from
the calcification center to the calculated rupture path. The
𝑦-axis is the fatigue life changed (in percentage) due to the
calcification.

It could be found that the calcification most possibly
influence the rupture paths of which the 𝑑CL/𝐷 are among
1∼6, while for those paths directly going through the calcifi-
cation, fatigue life seemly changes little. Also, it is found that
when 𝑑CL/𝐷 > 10, the influences are all below ±2%. It is said
that, for areas 10𝐷 far from the calcification, the influence is
negligible. The influence scope of area is about 10𝐷.

3.3. Calcification Locations. To investigate if the above influ-
ence of calcifications depends on their locations, first for each
calcified cross-section, we extract themax life changes among
all crack paths. Then results for all 15 calcified vessels are
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plotted together in Figure 5. It is found that calcification close
to lumen may be influenced more than those close to lipid
pool. Besides that, calcifications locating in the middle area
(small 𝛼) of fibrous cap are seemly influenced more than
those in the shoulder area (large 𝛼).

4. Discussion

The role that the calcification plays in plaque vulnerability
is controversial. In the study, the results tend to show that
it may increase plaque stability, which generally agrees with
the viewpoints in [21, 22, 34]. Here we try to explain the
mechanisms from the biomechanical insights. First, as we
know, the rupture is mainly due to the tensile force/stress. If
the potential rupture path is known, locally the dominated
stress status should be in tension and be perpendicular to
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Figure 4: Relationship between crack-calcification distance and
fatigue life changes.

the rupture path (Figure 6(a)). We define a local coordinate
system here that 1-direction and 2-direction are parallel to
the rupture path and the tensile stress, respectively. Then the
calcification, a hard inclusion embedded in a soft matrix (the
plaque), is considered. Figure 6(b) shows the result of𝜎

22
field

induced by the calcification and the remote tensile stress. It
is found that, in the neighborhood of the calcification, stress
in Zone 1 (Figure 6(c)) slightly decreases and in Zone 2, the
stress increases; that is to say, the risk of plaque broken in
Zone 1 decreases, while the broken risk in Zone 2 increases.
Now, we assume a crack or plaque damage occurs on the
upper and lower side (the largest stress concentration location
as shown in Figure 6(b)), for which the deformation field
could be solved and shown in Figure 6(d). It could be found
that still due to the hard inclusion (the calcification) the left
and right sides extrude the calcification even more, and at
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Figure 5: Calcification locations and fatigue life changes.

the same time, the damage/crack in the upper and lower side
intensifies. A new rupture direction in fact generates and
blocks the direction of original rupture path (Figure 6(e)),
which may finally explain why the calcification increases the
stability.

From the classical viewpoint that the maximal stress
value characterizes the vulnerability, here the plaque stability
should decrease because the stress near the upper and lower
side of the calcification significantly increases, as shown in
Figure 6(b). It should be noted that researches have shown
that ruptures often (for about 40%) occur in regions where
the numerical model does not predict the maximal stress [8].
Here we suggest that detailed analysis on failure modes/paths
should also be taken into account. For example, obviously the
stress concentration happens in nearly all material heteroge-
neous cases. However, equally as a heterogeneous inclusion, a
hard calcification or aweakened void caused by inflammation
may lead to totally different results even though they all have
stress concentrations around.

It is interesting that the calcification influences the rup-
ture paths a little far from it (with 𝑑CL/𝐷 among 1∼6) more
than those directly going through it. This may coincide with
themechanisms revealed above that, for cases of 1 < 𝑑CL/𝐷 <
6, cracks may grow into Zone 2 and retard due to the reason
shown in Figure 6(e). Seemly for cases 𝑑CL/𝐷 < 1, the
retard of crack growth which is mainly caused by the stress
reduction in Zone 1 is not so significant.

The position of calcification is thought to be of impor-
tance for rupture risk stratification by some researches [35,
36], where it is found that calcification locating in middle cap
area is influenced more than that in shoulder area. Results

are similar in this study (Figure 5). As for the distance of cal-
cification from the lumen, this study shows that calcification
close to lumenmay be influencedmore than that close to lipid
pool, while some studies reported that they have no obvious
difference [18]. In our study, areas near to lumen usually have
greater circumferential tensile stresses than those far from
lumen. Greater stresses usually lead to a more rapid crack
growth, which consequently will change the life more. This
may be the reason for our outcome.

It should be noted that only one calcified inclusion
embedded in fibrous cap is considered. Actually there may
have several calcifications coalesced together, whichmay lead
to extra influences. Also, the baseline fibrous cap is not an
extremely thin case; a much thinner cap possibly has other
effects because the calcification may strongly influence the
stress distribution nearby. These two aspects are planned to
be considered.

5. Conclusion

Calcifications may play a positive role in the plaque
vulnerability—at least not negative. In our study, the max
fatigue life increase is about 12% with the radius of calcifi-
cation 0.8mm. Considering that the practical size is much
less, actual influence may be even small. The influence of
the calcification is local rather than global, which is mainly
concentrated in an area in the size of 10𝐷 neighborhood. It is
found that calcification close to the lumen may be influenced
more than those close to the lipid pool. And calcifications
located in themiddle area of fibrous cap are seemly influenced
more than those in the shoulder area. In all, since calcification
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Figure 6: Diagram of the possible mechanism of reducing rupture risk.

would not increase the rupture risk, ignoring the calcification
is acceptable. At least it will not lead to an underestimated
risk.
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The drug release analysis and optimization for drug-eluting stents in the arterial wall are studied, which involves mechanics, fluid
dynamics, and mass transfer processes and design optimization. The Finite Element Method (FEM) is used to analyze the process
of drug release in the vessels for drug-eluting stents (DES). Kriging surrogate model is used to build an approximate function
relationship between the drug distribution and the coating parameters, replacing the expensive FEM reanalysis of drug release for
DES in the optimization process. The diffusion coefficients and the coating thickness are selected as design variables. An adaptive
optimization approach based on kriging surrogatemodel is proposed to optimize the lifetime of the drug in arterywall.The adaptive
process is implemented by an infilling sampling criterion named Expected Improvement (EI), which is used to balance local and
global search and tends to find the global optimal design.The effect of coating diffusivity and thickness on the drug release process
for a typicalDES is analyzed bymeans of FEM.An implementation of the optimizationmethod for the drug release is then discussed.
The results demonstrate that the optimized design can efficiently improve the efficacy of drug deposition and penetration into the
arterial walls.

1. Introduction

Cardiocerebrovascular disease is a serious threat to human
health. There are three main treatments for vascular dis-
eases: surgery, coronary angioplasty, and coronary stent-
ing. Coronary stenting is minimally invasive catheter-based
interventions. Compared to surgery, the coronary stenting is
less invasive, so postoperative recovery is quick. Compared
to coronary angioplasty, it can avoid restenosis, efficiently.
So coronary stenting has been widely applied to clinical;
so far coronary stenting technique has become the most
promising treatment for coronary artery diseases; however,
the arterial wall damage and restenosis caused by stent
have not been completely resolved. This is the main reason
that development of stenting is hampered. Fortunately, the
coronary stent can carry the drug through drug eluting.
The drug-eluting stents (DES) could provide the local high
concentration of the drug by local drug delivery system and
minimize the systemic side effects.Thereby, the generation of
thrombus is suppressed, and the risk of restenosis is reduced

[1]. Therefore, the DES is a revolutionary technology for
stenosis disease in the clinical treatment. However, the drug
release in the blood and drug concentration gradient in the
blood vessels are complex fluid dynamics problems. How to
control the drug release in the blood and drug concentration
gradient in the blood vessels is a challenging task. So dosing
and extending the efficacy period are very important.

A few works about DES were reported, Yang and Burt [1]
explored several factors that impact the drug release of DES,
such as physiological transport forces, drug physicochemical
properties, local biological tissue properties, and stent design.
Pontrelli and de Monte [2] proposed a novel computational
approach and studied the impact of tissue properties, local
hemodynamics, and stent design for the drug release of DES
based on a consistent mathematical model. The previous
work for DES mainly researched the drug release of DES but
did not propose how to extend the efficacy of DES. Drug
release process is very complex, and the drug concentration
is nonuniform. The relative function of drug concentration
and the factors that affect drug release cannot be described
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Figure 1: 2D simplified model.

by an explicit expression. So it is very difficult to propose how
to extend the efficacy of DES. Fortunately, kriging surrogate
model can be used to establish the approximate functional
relationship between drug concentration and the factor of
drug release, effectively. Based on the kriging surrogate
model, we can optimize the design of the DES and extend the
efficacy of DES easily.

The Finite ElementMethod (FEM) is here used to analyze
the process of drug release in the vessels for DES, in which
the microstructure of tissue (anisotropic diffusion of the
drug, porosity, and retention of the drug protein) and the
macrostructure of tissue (thrombus/blood clots) are consid-
ered. Based on the FEM analysis, an optimization approach
combined with Expected Improvement (EI) function [3]
which is based on kriging surrogate model [4] is used to
extend the lifetime of the drug in artery wall. The diffusion
coefficients and the coating thickness are selected as design
variables. The Latin Hypercube Sampling Method is used
to obtain sample points for the initial model established
by kriging surrogate model method; EI function is used to
balance local and global search and tends to find the global
optimal design.

2. Methods

The Finite Element Method (FEM) is used to analyze the
process of drug release in the vessels for Drug Eluting Stents
(DES). As shown in Figure 1, a simplified axisymmetric
model [5] for (DES) is adopted for quantitative analysis,
which was proposed to research the drug release of the DES
by Mongrain et al. [6]. As the intima and media layers have
similar property and the stent is usually embedded in media
layer, the arterial wall is modeling with two layers (intima and
media layer and adventitia layer).

As shown in Figure 1,Ω
𝑀
,ΩAd,Ω𝐶, andΩ𝑏 are the intima

and media layer, the adventitia layer, the coating, and the
blood, respectively. Γ

𝑠
is the symmetry axis of the blood, Γ

𝑏,in
is the inflow boundary, Γ

𝑏,out is the outflow boundary, Γ
𝑚
is

the interface of coating and stent, and Γ
𝑀,in and Γ𝑀,out are the

artery boundaries of inflow and outflow for intima andmedia
layer, respectively. ΓAd,in and ΓAd,out are the artery boundaries
of inflow and outflow for adventitia layer. Γ

0
is the interface of

arterial wall and trophoblast tube; Γ
𝐶,𝑏

, Γ
𝐶,𝑀

, Γ
𝑀,𝑏

, and ΓAd,𝑀
are the interfaces of blood, artery, and coating, respectively.

At initial time (𝑡 = 0), the drug was assumed completely
dissolved in the coating and the concentration is uniform.
The coating is modeled as a homogeneous isotropic porous
media, and plasma cannot penetrate the coating. The control
equation, boundary condition and initial time in the coating
can be found in [5].

The arterial wall is also modeling as porous media.
Because the inner and outer walls in the presence of phys-
iological arterial pressure will lead to plasma flow, mass
transfer was under diffusion and convection equations [7].
The convection effect is only acting on the drug dissolved in
the blood, according to the report by Creel et al. [8], without
considering transient absorption effect of the drug in artery,
and the drug concentration in artery is 𝑐 = 𝑐/𝑘𝜀, in which
𝑐 is the average drug concentration in arterial tissue and 𝑘
is the partition coefficient in arterial wall, and 𝜀 is the arterial
porosity. On the interface of artery and coating, the boundary
conditions are the same as reference [5].

The control equation of blood flow is the general con-
vection diffusion equation. The control equation and the
boundary condition on the interface of artery and coating can
be found in reference [5].

First of all, considering the plasma flow in the arterial
wall, the plasma flow velocity in arterial wall, and the pressure
difference between inside and outside surfaces determined by
the Darcy law, the blood in artery is modeled as incompress-
ible Newtonian Equation. As the drug release in the blood
does not affect blood flow, the velocity field can be obtained,
and then, with the velocity field as given conditions, the drug
concentration distribution at different times can be obtained
[5].

Thematerial properties are the same in reference [5].The
blood velocity distribution at the entrance is as parabolic
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the artery wall.

shape. The maximum speed is 14.0 cm/s. The drug diffusion
in coating, blood, and adventitia layer is isotropic. The
drug diffusion in intima and media layer is anisotropic. The
coefficients of control equations are the same as reference [5].

Figure 2 shows the difference between isotropic and
anisotropic diffusion coefficients. Drug distribution is more
uniform in the 𝑥 direction for anisotropic diffusion coeffi-
cients than isotropic diffusion coefficients because it is easier
in the horizontal direction (the axial direction) than the
vertical diffusion direction (radial direction) and seepage
flow of plasma in porous media. The convection effect of 𝑦
direction promotes the diffusion of the drug.

Figure 3 shows the drug concentration versus time with
different diffusion coefficients in the coating. It is clear that
drug concentration reached the peak in arterial wall, and
then it decreased. It is reasonable; because drug will diffuse
into artery, gradually by the difference of drug concentration
in the coating and artery, and due to the elution effect, the
drug concentration decreased outside of the artery wall. The
elution effect is not significant at initial moment because of
the low drug concentration in the artery wall. When the drug
reaches certain concentration in artery wall and drug release
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Figure 4: Influence of coating thickness on drug concentration into
the artery wall.

to a certain degree in coating, the elution effect will be quite
significant. As the coating cannot continue to provide drugs
continuously, the drug concentration will decrease.

As the diffusion coefficient increases, the drug concen-
tration in the artery wall reaches a higher peak with a
faster growth. The decay rate of the peak is not proportional
to the diffusion coefficient, so the trend of the change of
drug concentration is not linear relationship with diffusion
coefficient. This conclusion is important, because if we want
a longer time drug concentration in the artery wall, it should
not increase or decrease the diffusion coefficients of the
coating, simply. Therefore, it appears optimal to find an
appropriate diffusion coefficient to make the longest time
with certain drug concentration. That provides a theoretical
basis for DES coating optimization.

Figure 4 shows drug concentration versus time with
different thicknesses of coating in the artery wall. It is clear
that drug concentration reached the peak in arterial wall,
and then it decreased. It is because drug will diffuse into
artery, gradually by the difference of drug concentration
in the coating and artery, due to the elution effect, the
drug concentration decreased outside of the artery wall. The
elution effect is not significant at initial moment because of
the low drug concentration in the artery wall. When the drug
reaches certain concentration in artery wall and drug release
a certain degree in coating, the elution effect will be quite
significant. As the coating cannot continue to provide drugs
continuously, the drug concentration will decrease.

The initial concentration of drugs in the coating shifted
to a higher level with the decrease of the coating thickness. It
is clear that the drug concentration in the artery wall reaches
a higher peak with a faster growth. The duration of the drug
in the artery wall is not inversely proportional to the coating
thickness. So the trend of the change of drug concentration is
not linear relationship with the coating thickness. Therefore,
it appears optimal to find an appropriate coating thickness.
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The two important factors for the distribution of drugs
in artery wall are diffusion coefficients and the coating
thickness. Therefore, diffusion coefficients and the coating
thickness can be chosen as the design variables. An opti-
mization approach based on kriging surrogate model is used
to optimize the lifetime of the drug in artery wall. The
kriging model was used to build an approximate function
relationship between the objective function and design vari-
ables (the diffusion coefficients in coating and the thickness
of coating), thereby replacing the expensive FEM reanalysis
of the objective function value during the optimization.
The optimization iterations are based on the approximate
relationship for reducing the high computational cost. An
adaptive optimizationmethod based on the kriging surrogate
modelwith LatinHypercube Sampling (LHS) strategy [9]was
used to improve the effect of the drug release of DES. The
adaptive process was implemented by the EI function [10],
which can balance local and global searches and tends to find
the global optimal design. The FEM was used to analyze the
drug release of DES in stented artery.
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Figure 7: Influence of coating thickness on drug concentration into
the artery wall.

The evaluation standard of effect of the drug release on
the stent is Mean Residence Time (MRT) [2]: the equation is
as follows

MRT
𝑛
= max {𝑡 |∭

wall
𝑐wall (𝑥, 𝑦, 𝑧, 𝑡) 𝑑𝑥 𝑑𝑦 𝑑𝑧

≥
𝑛

100
∭

polymer
𝑐
0
(𝑥, 𝑦, 𝑧, 0) 𝑑𝑥 𝑑𝑦 𝑑𝑧} .

(1)

MRT is an important indicator for judging the effect of the
drug-eluting stent. In this paper, MRT

10
is the objective

function, assuming that the initial drug concentration is
constant in the coating. The diffusion coefficients in the
artery wall are constant, and the shape of the stent remains
unchanged. For the range of design variables, the range of the
diffusion coefficients is 10−12m2/s∼10−14m2/s; range of the
coating thickness is 0.023mm∼0.075mm.The sample points
and the corresponding response are listed in Table 1.

3. Results and Discussion

As shown in Figure 5, the optimization results have fast
convergence. The study indicates that when the diffusion
coefficient equals 2.5 × 10−13m2/s and the coating thickness
equals 0.05mm, the drug duration time reaches itsmaximum
under MRT

10
.

Another judge standard is the ratio of mean concen-
tration and initial concentration in the media layer. So the
objective function is selected as the drug duration time when
C
𝑚
/C
0
≥ 1%, and the design variables are also diffusion

coefficients and the coating thickness. As shown in Figures 6
and 7, the optimized objective function reached 85 h, and the
drug duration time is increased by 41 h compared to initial
design. The optimal diffusion coefficient is 3.2 × 10−13m2/s,
and optimal coating thickness is 0.05mm. It will release
the drug into arterial wall faster by increasing the diffusion
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Table 1: Samples and responses.

Samples Taxus diffusivity
(m2/s)

Coating
thickness (mm) Response (s)

1 4.82 ∗ 10
−13 0.057 4238

2 1.07 ∗ 10
−13 0.052 3658

3 9.45 ∗ 10
−13 0.073 3670

4 8.68 ∗ 10
−13 0.042 3416

5 1.53 ∗ 10
−13 0.065 2928

6 8.80 ∗ 10
−13 0.031 3078

7 3.84 ∗ 10
−13 0.027 3940

8 6.55 ∗ 10
−13 0.059 4104

9 8.07 ∗ 10
−13 0.072 3782

10 7.44 ∗ 10
−13 0.032 3112

11 6.84 ∗ 10
−13 0.065 3862

12 5.55 ∗ 10
−13 0.046 4604

13 2.37 ∗ 10
−13 0.038 4862

14 5.87 ∗ 10
−13 0.041 3984

15 3.54 ∗ 10
−13 0.062 4120

coefficient and reducing the coating thickness. However,
when the drug concentration is too high, concentration
difference will lead to lower drug diffusion. At the same time,
the drug will diffuse into the outer layer because of the effect
of convection caused by the seepage flow in arterial wall.This
is the reason why the concentration decreased rapidly from
the peak. So our results are reasonable.

4. Conclusions

This paper studies the relationship between the properties
of the coating and the drug distribution in the arterial wall.
The study indicates that diffusion coefficients and the coating
thickness are two important factors of the distribution of
drugs in artery wall. An optimization approach based on
kriging surrogate model is used to optimize the lifetime of
the drug in artery wall. The diffusion coefficients and the
coating thickness are selected as design variables. The results
demonstrate that the optimized design can efficiently control
the release of drug in the blood and drug concentration
gradient in the blood vessels.
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TheWorldHealth Organization estimates that 17million people die of cardiovascular disease, particularly heart attacks and strokes,
every year. Most strokes are caused by a blood clot that occludes an artery in the cerebral circulation and the process concerning
the removal of this obstruction involves catheterisation. The fundamental object of the presented study consists in determining
and optimizing the necessary simulation model corresponding with the blood clot zone to be implemented jointly with other
Mechanical Thrombectomy Device simulation models, which have become more widely used during the last decade. To do so, a
multidomain technique is used to better explain the different aspects of the attachment to the artery wall and between the existing
platelets, it being possible to obtain themathematical equations that define the full model. For a better understanding, a consecutive
approximation to the definitivemodelwill be presented, analyzing the different problems foundduring the study.Thefinal presented
model considers an elastic characterization of the blood clot composition and the possibility of obtaining a consecutive detachment
process from the artery wall. In conclusion, the presentedmodel contains the necessary behaviour laws to be implemented in future
blood clot simulation models.

1. Introduction

TheWorldHealthOrganization reports that 15million people
worldwide suffer strokes [1] and of these, 5 million die and
further 5million are left permanently disabled,many severely
impaired. Cardiovascular diseases (CVDs) are the primary
cause of death globally. It is estimated that more than 15
million people died from this cause in 2004, which represents
a very important percentage of all global deaths; this amounts
to an estimated 5.5million deaths due to stroke. In the United
Kingdom alone there are 130,000 strokes each year and of
the patients that survive many are left with severe disabilities.
Strokes are devastating events, 85%ofwhich are caused by the
blockage of an artery that prevents blood from flowing to the
brain.

Atheromatous plaques are a common cause associated
with the narrowing or blockage of an artery. These plaques
arise from a build-up of fatty deposits on the innerwalls of the
blood vessels. This results in the formation of an atheroma-
tous plaque that narrows the artery that it is located in. Parts
of the plaquemay break away and travel to the brain blocking

a vessel or blood clots that arise from the alteration of blood
flow dynamics associated with the narrowing of the vessel
can cause a stroke. Generally speaking, changes in blood flow
may arise due to a change in the composition of the blood
or a change in the blood flow itself (e.g., due to an uneven
surface within the vessel wall) such as would be created by
plaque formation. Such a change in blood flow predisposes
to clot formation. Blood clots arise when platelets adhere to
each other and to the artery wall. A clot may therefore readily
form at a site where a vessel is narrowed.

Although thrombolytic agents such as alteplase are used
to dissolve blood clots that arise in the cerebral arteries of the
brain, there are limitations to the use of such thrombolytic
agents. During the last decade Mechanical Thrombectomy
Devices (MTDs) have become more widely used as an alter-
native means for clot removal. A number of devices using a
variety ofmethods to remove the clot are now available.These
include the MERCI clot retriever, and, more recently, the
penumbral device; other types of devices include angiography
catheters, rheolytic catheters (Angiojet), Basket style devices,
and microsnaring devices.Thrombectomymay be associated
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with risks, such as breakage of moving parts, penetration of
the arterial wall, and downstream embolisation caused by clot
dislodgment [2]. Studies suggest that mechanical embolec-
tomy is most effective in large volume proximal occlu-
sions [3]. Other interventional surgical treatments include
endarterectomy, which involves surgically removing clots in
the carotid arteries. This treatment has proved successful [4]
but carries a risk of the clot becoming dislodged during the
procedure.

New designs of Thrombectomy Devices to remove blood
clots without the need to make contact with the clot itself,
thereby potentially reducing the risk of problems such as
downstream embolisation, for example, by using aspiration
techniques, need to be studied and analyzed in order to obtain
better results. The analysis, design, and optimization of one
experimental device recently developed in the UK, called
the “GP” Thrombus Aspiration Device (GPTAD) [5–10], has
been recently done by using different simulation techniques
[11, 12].

During the development of potential newmedical devices
computer premodelling may be required to help in the opti-
mization and fine-tuning of the devices. The main objective
of this simulation model is to obtain the characterization of
a blood clot model considering the interaction between the
blood clot and artery wall and the behaviour laws.

Next, the model used for the simulation is consecutively
described as well as the phenomena considered, and, in
addition, the values of the parameters used are defined.

2. Initial Blood Clot Approximation

Accurately defining the clot model in order to correctly
simulate a full aspiration thrombectomy device interaction is
the most complex part of the model. A clot is a cylindrically
shaped element of 1.0–5.0 cm long, and a mass that falls
between 0.5 and 2.0 gram.This element has usually formed in
another location, usually in a vascular artery, and has become
dislodged remaining trapped in smaller diameter arteries,
such as the cerebral artery considered in this work.Therefore,
due to this difference in diameter, the clot becomes attached
to the wall by a force that needs to be overcome in order
to begin its movement for removal. In addition, the relative
movement between the clot and the artery presents static and
dynamic friction, which needs to be taken into account. If a
correct approximation to reality is to be achieved all these
phenomena, as well as the circumstances restricting clot
movement, need to be considered.

As already stated, the phenomenon preventing clotmove-
ment is the difference in diameter between the clot and the
artery where it is located. Experimental data [5] and numer-
ical studies [13] indicate that the clot begins its movement
when this force is equal to 0.01N. In order to decide when
to begin the movement of the obstructive element, firstly we
need to insert a spring into the model to measure the force
supported by the beginning of the clot and its deformation.
To obtain the value of this spring the phenomenon of surface
tension must be taken into account, since it is this that joins
the clot to the artery. This surface tension “𝛾” comes about

F

𝛾 = F/l

Figure 1: Surface tension (blue circle).

Blood clot

0.1mm

×100 . . . 500

1–5 cm

Figure 2: Surface tension from some spheres.

from the attraction forces between molecules and is defined
as force by unit length:

𝛾 =
𝐹

𝑙
. (1)

If we take the sphere shown in Figure 1, the surface tension
would act on the circumference of the contact between the
clot and the artery (marked with a blue ellipse).

Bearing in mind the above, if we take into account the
value of the length of contact “𝑙” from the radius “𝑟” of the
artery, the value for the surface tension “𝛾” can be obtained
and, in turn, the value for the spring coefficient “𝐾”, as

𝐾 = 𝛾 =
𝐹

𝑙
. (2)

As stated above, the clot is 1.0–5.0 cm long, which means
it can be broken down into the union of several spheres
(Figure 2), all with the same constant. Since over the whole
surface of the clot there are adhesion forces, to obtain a
correct approximation it is necessary to consider the existence
of a sphere for every 0.1mm.Thismeans that between 100 and
500 spheres would need to be included in the model. On the
other hand, since the clot behaves like a rigid body, the fact
that all the spheres are located in parallel must be taken into
account, so that until the resultant adhesion force is overcome
in all of the spheres, the clot will not begin to move.
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Figure 3: Spring-damper system. (a) 𝐹 < 0.01N. (b) 𝐹 ≥ 0.01N.

Therefore, since all the individual springs are equal, the
equivalent spring value “𝐾eq” for a determined clot length can
be obtained considering the following expression

𝐾eq =
𝐾

𝑛
, (3)

where “𝐾” is the spring coefficient determined in (2) as the
surface tension and “𝑛” is the number of elements considered
taking into account the existence of one sphere for every
0.1mm length.

To knowwhen the force will be reached in this equivalent
spring and, therefore, when the clot movement will begin, it
is essential to calculate the displacement of the spring when
it is subjected to 0.01N through a typical spring equation.
Therefore, only when the spring undergoes this displacement
should the clot be allowed to move; to the contrary it would
be prevented:

𝑥 =
𝐹

𝐾eq
. (4)

Secondly, it is necessary to insert the resistance that
represents the friction between the clot and the arterial wall.
The value of this parameter must be variable depending on
whether the clot has not begun its movement (static friction)
or if it is already in movement (dynamic friction), so that
when the clot begins to move the friction value will drop
considerably (Figure 3). This value is obtained starting from
the Stokes equation and can be given a value of 2.5⋅10−6N⋅s/m
for the static friction and an order of magnitude lower than
for the dynamic friction.

The transition between both values marks the beginning
or end of the clot movement by means of the displacement
of the spring representing the deformation described in
expression (4). So, when the displacement undergone by this
spring is less than that calculated, static friction will rule; to
the contrary, if it is greater, the friction will be dynamic.

In addition to the spring and the resistance inserted, the
model must have an inertance that represents the mass of the
blood clot (0.5–2.0 gram):

𝐼 = 𝑚. (5)

Finally, to ensure that the clot remains at rest while the
force existing at its beginning is less than 0.01N, a spring-
damper system joined to a wall (zero flow source) must be
used.

In this system, while the clot does not receive the force
of minimum suction, it has a zero speed. However, when it
begins its movement, the spring-damper systemmust be can-
celled allowing its extraction. While the force representing
the deformation of the clot is lower than 0.01N, it will remain
attached to the wall, thereby preventing any movement. To
the contrary, if the force exceeds this figure the model will
cause the bond imposed by the spring-damper system to
be eliminated with the clot becoming free and moving in
accordance with the suction pressure acting on it from the
system, letting it be removed.

Therefore, the elimination of the spring-damper system
will be performed from the displacement of the spring
representing the clot deformation aswas seen in the condition
imposed on the static/dynamic friction. The initial values for
the spring-damper system have been considered, 1⋅1010N/m
and 1 ⋅ 109N⋅s/m, respectively; these values have been taken
to consider a very rigid union and the correct convergence of
the system.

Figure 4 shows the Bond-Graph scheme of the different
elements commented below, having indicated where the aspi-
ration force created by the AspirationThrombectomy Device
(ATD) would be added.

The main problem of this initial model is that the
blood clot is fully considered as a simple element, while the
possibility of partial disgregation does not exist. In addition,
this model is able to simulate the behaviour of the blood clot
attachment but the values of the necessary compliances and
resistances introduced can only be estimated from different
experiments.The value of the constants in both the spring and
the damper must be extremely high to simulate a firm anchor
to the point of release. Simulating the moment when the clot
breaks loose from the wall in the previousmodel method was
very difficult, because the junction to the wall had to allow
clot movement according to pressure, even if such pressure
was not enough to move it in totality. In addition, low value
changes introduced in these elements can modify substan-
tially the pressure and time results.

The previous comments are the main reason why a better
approximation model concerning the blood clot and artery
wall attachment needs to be studied.

3. Extended Blood Clot Approximation

For a correct understanding of the blood clot detachment
process (see Figure 5), it is necessary to take into account that
the friction between the clot and the arterial wall creates a
resistance factor, not over all the surface, but incrementally
from the beginning to the end.

By considering this, it is possible to understand that the
value of this parameter must be variable across the length
depending on whether the clot has begun its movement
(Figure 5(a)) or before it has begun to move (Figures 5(a)
and 5(b)) during the clot extraction procedure. To do this,
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Figure 4: The simplest blood clot model by Bond-Graph technique.

Speed = 0

Artery

Blood clot

Suction force

(a)

Blood clot

Suction force

(b)

Suction force

Blood clot

(c)

Figure 5: Influence of the suction force over blood clot. (a) The
lowest value; no movement. (b) Medium value; beginning of the
front part movement. (c) Higher value; blood clot movement.

an extended blood clot will incorporate different inertia
elements representing different partitions of the blood clot,
joined by different spring-damper systems (designed by
𝐾union and 𝑅union, resp.) between them to simulate the elastic
and plastic behaviour of the clot, and the consequent spring-
damper systems joined to the wall, which could be defined by
a zero flow source.

When the clot begins to move the friction decreases con-
siderably. In the sameway as previously, this value is obtained
from the Stokes equation and can be given a value of 2.5 ⋅
10
−6N⋅s/m for the static friction and an order of magnitude

lower than for the dynamic friction; the transition between
both valuesmarks the beginning or end of the clotmovement.

The existence of the different partitions (Figures 5 and
6), and the consequent spring-damper systems joined to the
wall, let the model acquire a more realistic behaviour due to
the fact that the different inertias detachment can be treated
individually.

3.1. Platelet Composition Model. Although the extended clot
approximation is necessary, due to the problems presented
in the previous model, it is necessary to look for another
solution to simulate the clot and its behaviour under a
negative force. As we have seen before, we kept the partitions
represented by inertia and joined by the spring-damper
system (𝑅union, 𝐾union) to simulate the elastic and plastic
behaviour of the clot (Figure 7).

Nevertheless, to model the junction with the artery, the
point of release, and the static and dynamic friction, we
decided to add to each inertia an effort source that varies
depending on the moment of the simulation.We can observe
the new configuration in Figure 8. In this figure, it is possible
to observe that each inertia will suffer a force due to suction,
which should be compensated in the model with a force of
friction to annul it while the clot is in the position of static
friction. Once we have calculated the flow-effort table of the
system, we apply the condition that the stress on the inertia
must be zero.

The effort source, as we have stated before, varies; that
is, when the clot begins its movement, the static friction
disappears and the dynamic friction acts on the system,which
is lower than the previous one.We have calculated it bymeans
of the Stokes law for a cylindrical solid (see (7)):

𝐹dynamic friction =
𝐶

8
⋅ 𝜌 ⋅ 𝜋 ⋅ 𝐷

2

⋅ 𝑉
2

, (6)

where “𝐶” is the form coefficient for a cylinder, “𝜌” is the
blood density, “𝐷” the clot diameter, and “𝑉” the velocity of
the first partition.
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Figure 8: The simplest blood clot model by Bond-Graph technique.
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Figure 9: Blood clot 3 parts division.

The condition to determine if the clot is attached to the
surface is based on the force that the spring suffers between
partitions (𝐾union). Hence when𝐾union⋅Displacement(𝐾union)
is higher than the adherence force, the clot releases from the
surface.

The value of the adherence force has been analyzed by
Flannery [14] and we made use of all the necessary data from
that. To calculate the adhesion strength Flannery divided the
blood clot into some parts; this geometry is only valid for the
condition of static friction, because, once the clot releases, it
recovers a part of its form and again becomes like a cylinder.
So, we assumed this model and we divided this clot into 3
parts (Figure 9).

As we have defined our clot, we then calculate the adhe-
sion force by means of the platelet adhesion force; we have
obtained from Flannery the equivalent number of platelets
per area equation:

No. platelets per area = 𝑓𝑝 ⋅ SA
MPA
, (7)

where “𝑓𝑝” is the % of platelets in the clot, “MPA” the mean
platelet area, and “SA” is the area of the surface in contact with
the artery, which can be obtained from the clot length, the
number of partitions (3 in the case shown), and the artery
diameter.

Once we have obtained the number of platelets in contact
with the artery and the force platelet-artery wall, we can cal-
culate the adhesion force of each partition and obviously of
the entire clot:

𝐹adh = No. plateletsTOTAL ⋅ 𝐹platelet-arterywall . (8)

In this way, we would have different adhesion forces
depending on the form and size of the clot, and we can ref-
erence those to the artery diameter and the percentage of
occlusion.

3.2. Atheroma Plaque Implementation. In pathology, an ath-
eroma is an accumulation and swelling in artery walls that is
made up of (mostly) macrophage cells, or debris that contain
lipids (cholesterol and fatty acids), calcium, and a variable
amount of fibrous connective tissue (Figure 10).

This accumulation modifies the geometry of the blood as
Figure 11 shows and the clot can be considered as a cylindrical
clot that narrows down the middle due to stenosis or an
atherosclerotic plaque. We decided to make the partitions
shown because each one has the same contact area with the
artery and the same volume, in order to simplify the calcu-
lation of the adhesion force and the mass of each partition.
To be more coherent, when the blood clot begins movement
each section should be readapted and the mass and contact
area recalculated according to Figure 11.

The implementation of the final blood clot model
required for the simulation has been made by connecting the
five partitions shown in this section and considering the dif-
ferent adhesion and friction forces, jointly with the platelet-
platelet forces, which are represented by the𝐾union and 𝑅union
elements; this is shown in Figure 9.

3.3. Systolic and Diastolic Blood Pressure. For a correct imple-
mentation of the blood clot model, it is necessary to imple-
ment the systolic and diastolic blood pressure as results of the
cardiovascular system.

One of the options that has been simulated jointly with
the presented model has been that corresponding to the
existing analog circuit developed byNoordergraaf at 1978 [15]
for the human systemic circulatory system (Figure 12).

Although the simulation of the previous circuit by using
Bond-Graph technique is extremely easy, the drawback found
was that associated with the diode simulation, since it was
observed that, depending on the algorithm used to solve it
and the step values, sometimes it did not work properly.

Another existing model studied previously by using
Bond-Graph technique and valid to be implemented jointly
with the presented model in this paper is the one developed
by Le Rolle et al. in 2005 [16], which enables the pulmonary
and systemic circulation on the head, abdomen, and legs to
be analyzed (Figure 13).

Nevertheless, for the analysis of the good performance
associated with the presented blood clot model, the systolic
and diastolic blood pressure has been introduced only by
using a variable pressure.

If we consider that the blood pressure varies from about
120mmHg to 80mmHg (16 kPa to 11 kPa) in systolic to
diastolic pressure variation in the normal cardiac cycle and
we impose a rate of 1 cycle per second, we can approxi-
mate mathematically the pressure (kPa) in two parts (0.00–
0.32 sec. and 0.32–1.00 sec.) by using the following polyno-
mial expressions:

Pa = 13415 ⋅ 𝑡5 − 8508.6 ⋅ 𝑡4 + 986.58 ⋅ 𝑡3

+ 177.3 ⋅ 𝑡
2

− 4.99 ⋅ 𝑡 + 11.01,

(9)

Pb = − 1488 ⋅ 𝑡6 + 6237.6 ⋅ 𝑡5 − 10700 ⋅ 𝑡4

+ 9595.3 ⋅ 𝑡
3

− 4719.5 ⋅ 𝑡
2

+ 1188.3 ⋅ 𝑡 − 102.8.

(10)

These equations have been obtained by taking different
points from the typical pressure waveform associated.
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Figure 10: Artery blood flow. (a) Normal artery; (b) Artery with atherosclerosis.
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Figure 11: Blood clot 5 parts division.

Figure 14 shows the result of implementing the force
associated with the previous systolic and diastolic pressure
over the 5 partitions model.

4. Bi and Tri-Dimensional Blood Clot Model

The different modifications presented from the initial model
obtain a good performance of the blood clot over determined
situations, as the results will show. Nevertheless, when the
intention of the model is to determine, not when the blood
clot begins to move or break, but the detaching process
platelet-by-platelet, the presented model is not enough.

To do this, the only option is to amplify the partitions,
at least in a second dimension. By doing so, the first line of
partitions (as shown in the presentedmodel) would be related
to each other (platelet-platelet), with the artery wall (platelet-
atheroma) and with the second line of partitions (platelet-
platelet); in a similar way, each platelet of the second line
would be related to each other and with the third line of par-
titions, obtaining finally a large amount of related partitions
(or platelets).

Nevertheless, the main problem associated with the
Bond-Graph technique is concerned with each partition (or
platelet), which means one differential equation for each par-
tition or each compliance, it not being possible to approach
the problem in the event of excessive increase.

Table 1: Parameter values.

Blood density (𝜌) 1060Kg/m3

Artery diameter 2.5 mm
Blood viscosity (𝜂) 0.0035 Pa⋅s
𝐾union 1.91 N/m
𝑅union 0.035 N⋅s/m
Clot length (1.0–5.0) cm
fp 0.96
MPA 5.31 ⋅ 10

−6mm2

𝐹adhesion platelet 32 ⋅ 10
−9N

Occlusion 100%

To do so, the best way would be to use Agent Based Sys-
tems, (ABS) [17], which have emerged as one of the most
important areas of research and development. AnABS system
is one composed of multiple interacting components known
as agents that reason logically in a similar way to presented
here.

Figure 15 shows a sample made by the authors by using
NetLogo software [18]; in this case, it corresponds to 200 par-
titions, divided into 6 lines. As can be observed, each partition
is joined to the closest partitions in a similar way to that
presented in this paper.

5. Results

As a final result of the presented Bond-Graph model, the
aim of this simulation is to determine the time and pressure
required for the extraction of a blood clot. To do this, by
varying the values of the pressure source, the movement of
the clot and the time required for its extraction are measured,
thereby obtaining the optimumminimum pressure. To carry
out the model validation, the values of the parameters used
in the simulation are listed in Table 1.

The parameters that define almost completely the elastic-
plastic behaviour of the clot and its resistance to breaking are
the constants “𝐾union” and “𝑅union” of the spring-damper sys-
tems in parallel that are among the partitions of the clot that
characterize the clot in the stretch mode, when it undergoes
suction but is not yet detached from the wall. To find the
value of the “𝐾union” parameter, Savushkin [19] analyzes the
stiffness of the clot and the breaking strength. We considered
that the values are valid, due to the fact that the parameters
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of the experiments described fall within our range, and
therefore we can assume that𝐾union = 3.41 ± 1.5N/m.

Concerning the “𝑅union” value, Pennati et al. [20] con-
siders some useful parameters. In that work, values of the
viscosity of the blood appear for the clot that they use in their
model; taking into account the viscosity of the clot, we can
assume that 𝑅union = 0.035 kg/m⋅s.

In the model simulated in this section, we take a blood
clot of 2.5mm in diameter and 1.0–5.0 cm in length.The exis-
tence of different partitions in the clot makes the extraction
progressive with increasing time.

The existence of different clot lengths will affect the mass
of the clot being removed (up to 2 gr.) and increase the time
taken for clot removal as the value of the clot length increases.
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Figure 14: The simplest blood clot model by Bond-Graph technique.

Figure 15: ABS blood clot model (200 agents).
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Figure 16: Movement of each blood clot part.

It has been found, that the greater the rigidity of the clot, the
shorter the extraction time. This factor is also related to the
viscosity and composition of the clot that will vary in each
case.Therefore, for this study we have determined the critical
values possible, making the assumption that there are 96%
platelets in the clot, which yields a fairly high bond strength,
which gives us an idea of the maximum pressure needed.

Figure 16 shows the movement of each blood clot taking
into account the increasing value of the suction pressure
in the first second. Once the force over one partition is
greater than the adhesion force in it between blood clot and
artery, the adhesion is broken and clot movement begins. In
addition, it is possible to look at the velocity when one section
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Figure 17: Required depressure versus time.

is detached and this is higher since all the force is applied over
lesser partitions.

The usefulness of the presented model is concerned with
the time the blood clot takes tomove a concrete distance (e.g.,
2-3mm), which is the distance that is maintained during the
extraction to the TADdevice. In Figure 17, we can observe the
different times to extract a blood clot in a 100%occlusion case,
with a diameter of𝐷 = 2.5mm and for different lengths such
as 1.0–5.0 cm, respectively; these results have been compared
with those obtained by using the GP at the laboratory [5] and
it contains very similar results.

As we can see, the lower the length the lower the time
needed to extract the clot, because we have less adherence
force and less inertia due to themass.We have applied it to the
extraction of a 5.0 cm length but there is a danger of rupture
prior to complete clot removal, which wouldmean the failure
of the process, due to the fact that the force supported by
the blood clot is higher than the rupture force (more length
means more adherence).

6. Conclusions

We have studied the formation, composition, and shape of
different blood clots in different cases, trying to find some
general parameters that could define their behaviour reliably.
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In particular, we have studied the influence of composition,
form, and some parameters that directly affect the adhesive
force that holds the clot against the arterial wall. The most
significant inclusion in the model, and therefore the one that
provides greater reliability to the model, has been the change
in the approach regarding the internal structure of the clot
and its adherence to the wall.

It is necessary to say that, for the exact modelling of
the laboratory experiment, the different parameters should
have been obtained over the existing blood clot, not from the
literature.

Many previous studies analyze similar models by using
Finite Element Analysis, where it is often necessary to repro-
duce the full situation which usually requires a lot of com-
puter simulation time. Nevertheless, there is not any model
developed by using the Bond Graph technique.

Apart from demonstrating that the technique is very use-
ful to represent the different simulation conditions, making it
possible to incorporate different parameters in a very effective
straightforward manner, the very simple model obtained in
the presented work will let future researchers obtain the
differential equation system, without the need of complex
models by using Finite Element Analysis or Agent-Based
Systems techniques.
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[12] G. Romero, I. Higuera, J. Félez, G. Pearce, and N. D. Perkinson,
“Modelling and simulation of a thrombectomy probe applied to
the middle cerebral artery by using the bond graph technique,”
inProceedings of the 9th International Conference onBondGraph
Modeling and Simulation, pp. 172–179, Orlando, Fla, USA, 2010.

[13] S. Shiozaki, K. l. Ishikawa, and S. Takagi, “Numerical study on
platelet adhesion to vessel walls using the Kinetic Monte Carlo
Method,” Journal of Biomechanical Science and Engineering, vol.
7, no. 2, pp. 275–283, 2012.

[14] C. J. Flannery,Thrombus formation under high shear in arterial
stenotic flow [Ph.D. thesis], Georgia Institute of Technology,
Atlanta, Ga, USA, 2005.

[15] A. Noordergraaf, Circulatory Systems Dynamics, Academic
Press, New York, NY, USA, 1978.

[16] V. Le Rolle, A. I. Hernandez, P. Y. Richard, J. Buisson, and G.
Carrault, “A bond graph model of the cardiovascular system,”
Acta Biotheoretica, vol. 53, no. 4, pp. 295–312, 2005.

[17] “Agent-based model,” Wikipedia website, http://en.wikipedia
.org/wiki/Agent-based model.

[18] “NetLogo software website,” http://ccl.northwestern.edu/net-
logo/.

[19] A. V. Savushkin, “Clots of blood plasma,” Journal of Engineering
Physics and Thermophysics, vol. 76, no. 3, pp. 645–647, 2003.

[20] G. Pennati, R. Balossino, G. Dubini, and F. Migliavacca,
“Numerical simulation of thrombus aspiration in two realistic
models of catheter tips,”Artificial Organs, vol. 34, no. 4, pp. 301–
310, 2010.



Hindawi Publishing Corporation
The Scientific World Journal
Volume 2013, Article ID 131597, 12 pages
http://dx.doi.org/10.1155/2013/131597

Research Article
Use of Computational Fluid Dynamics to
Estimate Hemodynamic Effects of Respiration on
Hypoplastic Left Heart Syndrome Surgery:
Total Cavopulmonary Connection Treatments

Jinlong Liu,1 Yi Qian,2 Qi Sun,1 Jinfen Liu,1 and Mitsuo Umezu3

1 Department of Cardiothoracic Surgery, Shanghai Children’s Medical Centre, Shanghai Jiao Tong University School of Medicine,
1678 Dongfang Road, Shanghai 200127, China

2 Australian School of Advanced Medicine, 2 Technology Place, Macquarie University, North Ryde, Sydney, NSW 2109, Australia
3 ASMeW Lab, Centre for Advanced Biomedical Sciences, TWIns, Waseda University, 2-2 Wakamatsucho,
Shinjuku, Tokyo 162-8480, Japan

Correspondence should be addressed to Yi Qian; yi.qian@mq.edu.au

Received 29 July 2013; Accepted 6 November 2013

Academic Editors: S. Jahandideh, P. Kok, and A. Zaravinos

Copyright © 2013 Jinlong Liu et al. This is an open access article distributed under the Creative Commons Attribution License,
which permits unrestricted use, distribution, and reproduction in any medium, provided the original work is properly cited.

Total cavopulmonary connection (TCPC), a typical kind of Fontan procedure, is commonly used in the treatment of a functional
single ventricle. The palliative cardiothoracic procedure is performed by connecting the superior vena cava and the inferior vena
cava to the pulmonary arteries. Due to the difficulty of direct study in vivo, in this paper, computational fluid dynamics (CFD)
was introduced to estimate the outcomes of patient-specific TCPC configuration. We mainly focused on the influence of blood
pulsation and respiration. Fast Fourier transforms method was employed to separate the measured flow conditions into the rate
of breath and heart beat. Blood flow performance around the TCPC connection was investigated by analyzing the results of time-
varying energy losses, blood flow distribution rate, local pressure, and wall shear stress distributions. It was found that the value
of energy loss including the influence of respiration was 1.5 times higher than the value of energy loss disregarding respiratory
influences. The results indicated that the hemodynamic outcomes of TCPC treatment are obviously influenced by respiration. The
influence of respiration plays an important role in estimating the results of TCPC treatment and thus should be included as one of
the important conditions of computational haemodynamic analysis.

1. Introduction

Fontan procedure was designed to treat complex congenital
heart diseases (CHD) for patients with single ventricles, such
as those suffering from tricuspid atresia and hypoplastic left
heart syndrome (HLHS), which cannot be treated by biven-
tricular repair [1]. During this kind of procedure, both the
superior vena cava (SVC) and the inferior vena cava (IVC) are
connected to the pulmonary arteries, thus allowing venous
blood to flow directly from the body to the lungs via the
pulmonary artery, bypassing the right ventricle. After Fontan
and Baudet [2] introduced a nonanatomic correction of tri-
cuspid atresia through innovative surgical approach in 1971,

the original “Fontan” procedure has been modified into two
main types of procedures—intracardiac (LT) lateral tunnel
Fontan and extracardiac conduit (ECC) Fontan over the past
40 years.

Although survival rate after Fontan procedures has
improved over the years, a number of unresolved questions
continue to surroundmanagement and treatment [3].Despite
advancement in surgical techniques and medical therapies,
pediatric cardiologists are still challenged by discussions
regarding initial decision relative to treatment and long-term
prognosis [4–6]. This is partly due to limited data available
before and after the conduction of these therapies. Cur-
rently, many researchers and surgeons have been working to
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obtain such data for the improvement of the treatment of
Fontan-type procedures based on the results of numerical
investigations.These numerical techniques allow us to exam-
ine the effects of the geometry at the Fontan connection
area and assess blood flow characteristics and energy loss
(EL) associatedwith a given surgical design [7–11]. Numerous
research papers have been published on the study of the
Fontan procedure and its modifications, particularly, the
total cavopulmonary connection (TCPC) procedure, such as
Bove et al. [7], Migliavacca et al. [8], and Orlando et al.
[9]. Meanwhile, many articles focused on the hemodynamic
analysis of TCPC procedure. Sievers et al. [10] illustrated that
the turbulence at the anastomosis of connection area was the
reason for energy dissipation. Whitehead et al. [11] studied
the power loss of TCPC connection area at exercise and the
interaction between power loss and varying flow distribution
to each lung under exercise conditions. However, most of
these previous studies concentrated on the certain ratio of
flow distribution within pulmonary arteries and the rate of
EL during instantaneous rest or exercise. The physiological
effects of blood flow pulsation and respiration were not con-
sidered. Previous clinical studies such as those of Rosenthal
et al. [12], Pedersen et al. [13], and Hjortdal et al. [14] have
indicated that pulmonary blood flow was obviously effected
from breathing pressure. In recent years, some hemodynamic
researchers began to investigate the effects of influence from
blood flow pulsation and respiration, such as Marsden et al.
[15, 16] and Itatani et al. [17], whereas little detailed infor-
mation is available on numerical analysis to directly disclose
the influence of respiration on hemodynamic characteristics
in published works and papers. Marsden et al. [15] reported
that respiration significantly affected Fontan flow rates and
pressure. As a matter of fact, their article placed great
emphasis on the analysis of respiration effects on the inflow at
the SVC and IVC through the use of a quadratic polynomial
form as respirationmodel.Therewas little investigation of the
effect of respiration on pressure distribution at the inlets and
outlets. In addition, although their studies have investigated
the results of pressure decline through steady simulation with
catheter-measured clinical data, the results were unable to
provide useful boundary condition for CFD simulation to
estimate the influence of respiration in independent patients.
Itatani et al. [17] conducted the investigation of optimal
conduit size of the ECC Fontan procedure by using basic
geometry model. Although the influence of respiration was
introduced into the simulation, constant pressure condition
was applied at bilateral pulmonary arteries during expiratory
phase, and pressure drop is assumed to be constant during
inspiratory phase. The conditions have not precisely demon-
strated the physiological effects from respiration. Marsden
et al. [16] reported that they applied the coupledmultidomain
method with a lumped parameter three-element Windkessel
model [18] at the outlets to investigate the influence of res-
piration. On the other hand, Stergiopulos et al. [19] and
Segers et al. [20] have proved that the lumped parameter
three-element Windkessel model overestimated the total
arterial compliance and underestimated the characteristic
impedance. The pulse pressure was predicted to be too high,
and diastolic pressure wave was abnormal. Westerhof et al.

[21] certified that the inflection point and the augmentation
of pressure wave were not represented well by this model.

In the present research, we introduced the system of
computational hemodynamic analysis, developed for first-
stage HLHS surgery, Norwood procedure [22], to obtain the
blood flow data at the TCPC connection area in detail, taking
the influence of blood pulsation and respiration into account.
The CFDmethodology was applied to analyze the blood flow
based on a patient-specific configuration acquired by mag-
netic resonance imaging (MRI), with physiologically realistic
flow conditions measured in vivo through the utilization
of ultrasound measurement in real time with electrocardio-
gram (ECG) at the SVC and IVC. Pressure conditions were
obtained through the use of an intracardiac catheter with
pressure sensors at the left pulmonary artery (LPA) and right
pulmonary artery (RPA). We employed the method of fast
Fourier transforms (FFT) to separate the measured blood
flow through the different frequency of breaths and heart
beats. We then compared the calculated results obtained
imposing inflow boundary conditions for two cases: one con-
sidering both cardiac and respiratory pulsatility and the other
considering only cardiac pulsatility. The results showed sig-
nificant differences in EL, pressure, wall shear stress (WSS),
and velocitymagnitude.The aims of this studywere to explore
important issues of respiration effects on the hemodynamic
analysis of TCPC procedure and to develop a method to
improve the hemodynamic study of TCPCprocedure by CFD
technology.

2. Materials and Methods

2.1. Subject Selection and Clinical Information. In this study,
the geometry of TCPC connection was extracted from a six-
year-old female patient, who had been diagnosed with pul-
monary atresia, ventricular septal defect, atrial septal defect,
patent ductus arteriosus, and dexiocardia at birth. She under-
went a Hemi-Fontan procedure at the age of two. During the
intracardiac Fontan procedure, at four years of age, the IVC
was connected to the RPA by an intracardiac lateral tunnel,
and a 3mm diameter fenestration was made on the lateral
tunnel. With the consent of the parents and the approval of
the local institutional review board and the regional research
ethics committee, our patient-specific associated studies were
approved.

MRI and ultrasound were performed on the patient
when she returned to the hospital for a follow-up medical
examination. MRI and ultrasound results showed that the
lateral tunnel fenestrationmade during the Fontan procedure
had closed spontaneously. A series of continuous 4mm thick
MRI images were acquired on a 1.5 Tesla Signa Hispeed
Scanner (GE Medical System, General Electric, USA) with
a 256 × 192 pixel field of view to define the anatomies of
Fontan connections. Moreover, the time-dependent velocity
profiles of patient-specific physiological blood flow at the left
innominate vein (LIV), right innominate vein (RIV), and IVC
were obtained in real time through ultrasound measurement
in with ECG. Pressure boundary conditions were measured
in vivo real time through the use of an intracardiac catheter
with pressure sensors. All data is depicted in Figure 1.
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Figure 1: Clinical data as boundary conditions taking respiration
into account. (a) Velocity data as inlet boundary conditions at the
IVC, LIV, and RIV. (b) Pressure data as outlet boundary conditions
at the LPA and RPA (IVC: inferior vena cava; LIV: left innominate
vein; RIV: right innominate vein; LPA: left pulmonary artery; RPA:
right pulmonary artery; ECG: electrocardiogram).

2.2. Model Reconstruction and Clinical Data Processing.
Eighteen slices of cross-sectional fast imaging employing
steady-state acquisition (FIESTA) sequenceMRI images were
used for patient-specific three-dimensional reconstruction
of the vessels through commercial software Mimics 12.0.
The accuracy of the reconstructed model had been checked
against the geometry with an exacted measurement carried
out by the original DICOM MRI slice files. A nonshrinking

smoothing technique was employed to generate the numer-
ical model for CFD simulation [23]. The geometry after
smoothing is shown in Figure 2.

The velocity result files at LIV, RIV, and IVC, acquired
through ultrasound measurement, were stored in ASCII for-
mat as boundary conditions for the CFD simulation. The
velocity results contained the respiratory cycle data. We
used the FFT methodology to separate the interaction of
respiration by the different frequency between breath and
heart beat through the use of commercial software MATLAB
7. Consequently, the present study could be conducted under
the following conditions: (I) pulsatile flow without consider-
ing the influence of respiration and (II) pulsatile flow with
the influence of respiration. Detailed information of blood
velocity after FFT separation is displayed in Figure 3. One
cycle of breath includes four heart pulsatile circulations.

2.3. Governing Equations. The flow simulation was based on
the Navier-Stokes (N-S) momentum equation and continuity
equation defined as follows:
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represent coordinate axes, 𝑢

𝑖
, 𝑢
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,

and 𝑝 are the velocity vectors and the pressure at any point in
the flow domain, 𝜌 and 𝜇 are blood density and viscosity, and
𝑡 is time. The term 𝑓

𝑖
expresses the action of body forces.

Due to the relatively large sizes of the vessels compared to
individual blood cells [24] and the great shear stress typical
within larger arteries [25], the blood was assumed to be a
Newtonian fluid with a constant density (𝜌 = 1060 kg/m3)
and viscosity (𝜇 = 4.0mPas) [26–28], while the body forces
were omitted. Therefore, the N-S equations are turned into
the following form:

𝜌
𝜕𝑈

𝜕𝑡
+ 𝜌 (𝑈 ⋅ ∇)𝑈 − 𝜇∇

2

𝑈 + ∇𝑝 = 0,

∇ ⋅ 𝑈 = 0,

(2)

where 𝑈 = 𝑈(𝑢
1
, 𝑢
2
, 𝑢) is the velocity vector.

The Reynolds number (Re), the ratio of the inertial forces
to the viscous forces in the flow, is defined by

Re =
𝜌𝑈𝐷

𝜇
, (3)

where𝐷 is the characteristic length.
In this TCPC case, time-averaged velocity was 0.3419m/s

with maximum Re number of 802.53 at Condition I. At Con-
dition II, considering the influence of respiration, the max-
imum Re was lower than 1000, which was calculated at
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Figure 2: The patient-specific three-dimensional reconstructed configuration after surface smoothing.
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Figure 3: Velocity data as inlet boundary conditions only including
cardiac pulsatility (IVC: inferior vena cava; LIV: left innominate
vein; RIV: right innominate vein; ECG: electrocardiogram).

the peak of the velocity wave at Condition II. Therefore, the
flow is able to be described as a laminar flow at both condi-
tions of this study. From the clinical viewpoint, the intrac-
ardiac lateral tunnel reduced atrial enlargement due to the

decreasing of right atrial surface space. De Leval et al. [29]
and Mavroudis and Backer [30] investigated that the flow
passing through the baffle was laminar flow, which improved
the hemodynamic performance of the Fontan circuit flow and
reduced the EL within the dilated right atrium.

2.4. Mesh Generation. The grid-generation software ANSYS-
ICEM 12.1 was utilized to discretize the computational
domain. In order to accurately measure WSS at near-wall
regions, the body-fitted prism layers were generated near the
vessel walls to improve the resolution of the relevant scales in
fluidmotion.There were five layers generated with an average
nodal space, increasing by a ratio of 1.2. The distance from
the first layer to the vessel surface was fixed at 0.02mm.
From the centre of the vessels to the prism inner layer,
tetrahedral grids in varying sizes were utilized. To verify the
reliability, grid independence of the WSS [31] was checked
by calculation with finer meshes, where the maximum cell
size was decreased to 0.2mm, with no consequent change
occurring in the results of WSS. The generated meshes are
shown in Figure 4.

Considering that the quality of CFD results was highly
dependent on grid resolution and boundary conditions,
a series of grid-dependent validations were performed by
extending the domain length at inlets and outlets. As shown
in Figure 5, when the grid number at the research domainwas
around 400,000, the EL started to converge into a constant.
Therefore, accurately reliable results could be obtained with a
total of 563,601 finite elements and 239,521 nodes, as utilized
in the current study.
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Figure 4: Mesh information. (a) Calculation domain with grids. (b) Body-fitted prism layers.
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2.5. Boundary Conditions and Calculation. According to the
research of Migliavacca et al. [32], the different velocity
profiles adopted at the inlets only have minor effects on
blood distribution into the lungs in the TCPC simulation.
Though there were slight differences, the volume flow curves
calculated under zero pressure at the outlets practically coin-
cided with the curves from in vivo measurements. Thus, the
pulsatile velocities shown in Figure 3 were applied as the inlet
boundary conditions (BCs), and a zero pressure condition
was used at the outlets in the simulation of Condition I.
Different boundary conditionswere utilized in the simulation
of Condition II. The time-dependent velocities and pressure

displayed in Figure 1 were used as the inlet BC and outlet BC.
For these simulations, we assumed the rigidity of vessel wall
surfaces.

The finite volume solver package ANSYS-FLUENT 6.3
was employed to solve the fluid equations.TheN-S equations
were solved by the transient solutionmethod, and theAdams-
Bashford method was applied for the second-order transient
solution of the time-dependent N-S equations. The terms of
pressure and momentum in the equations were discretized
using a second-order upwinding scheme, and the conver-
gence criteria were to reduce the residuals of continuity and
momentum equations to 10-5. A subroutine based on the C
programming language was written in order to create a
user-defined function for the Fluent code to impose time-
dependent velocities as the inlet BCs and pressure as the
outlet BCs. The vessels were assumed as rigid and no-slip
surfaces at both Conditions. In order to obtain a periodic
solution, six heart cycles for Condition I and three times of
breath (12 heart beats) for Condition II were carried out in
total, respectively. To obtain accuracy, calculation time step
was set to 0.0001 seconds according to the calculation of the
Courant number, defined as follows:

𝐶
𝑟
= 𝑢

Δ𝑡

Δ𝐼
, (4)

where 𝑢 is average velocity, Δ𝑡 is maximum time step size,
and Δ𝐼 is dimension of grid cell. In total, 36,000 and 68,000
steps were calculated for Condition I and Condition II, with
the calculation time set to nine days and eighteen days,
respectively. All of the computations were performed on a
workstation with a Windows XP operation system. The
workstationwas equipped by double CPUs: Intel (R) Pentium
III Xeon (R) 3.0GHz processors, with 16.0GBRAMmemory,
and a 64-bit Windows XP operation system.

2.6. Flow Distribution Ratio and Energy Loss. To evaluate the
effects of respiration on hemodynamics, quantitative indexes
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Figure 6: Four selected time steps for hemodynamic comparison (𝑡
1

, 𝑡
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, 𝑡
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, and 𝑡
4

). (a) Inlet velocity conditions taking respiration into account.
(b) Inlet velocity conditions only including cardiac pulsatility (IVC: inferior vena cava; LIV: left innominate vein; RIV: right innominate vein;
LPA: left pulmonary artery; RPA: right pulmonary artery; ECG: electrocardiogram).

were defined, including the flow distribution ratio (FR) and
control volume energy loss (EL). The FR used to evaluate
the outcomes of TCPC procedure on the balance of blood
distribution between the LPA and RPA is given by

FR = 𝑄LPA
𝑄inlet

× 100%, (5)

where𝑄LPA is the flow in the left pulmonary artery and𝑄inlet
is the sum of the IVC, LIV, and RIV inlet flows.

The control volume (CV) EL, also named control volume
power loss, is defined by
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where 𝑖 is element number at inlet and 𝑜 is element number at
outlet. Inlet boundaries include the IVC, LIV, and RIV, while
the outlet boundaries are the LPA and RPA. 𝜕Φ/𝜕𝑡 denotes
the partial derivative of the velocity potential Φ with respect
to time 𝑡,𝑈 = |∇Φ| is blood velocity, and𝑃 and𝑄 define static
pressure and volume flow rate, respectively.

3. Results

We selected four different time steps (𝑡
1
, 𝑡
2
, 𝑡
3
, and 𝑡

4
) to

compare the hemodynamic characteristics between the two
conditions. The detailed information of the four time steps is

Table 1: The definition of four selected time steps at Figure 6(a).

Velocity information
Time step IVC LIV and RIV
𝑡
1

Peak Peak
𝑡
2

Peak Bottom
𝑡
3

Bottom Bottom
𝑡
4

Bottom Peak

given in Table 1. The boundary conditions at these steps are
shown in Figure 6.

In order to compare the difference of pressure distribu-
tion between two boundary conditions, the relative pressure,
which was calculated by using boundary Condition II, was
reduced to the same level of boundaryCondition I (minimum
diastolic pressure at PLPA = 0). The modified pressure
results were shown in Figure 7. Due to our interest in relative
pressure, the pressure modification did not influence the
results of EL calculation. The pressure was much higher at
Condition II than that at Condition I at 𝑡

1
, 𝑡
3
, and 𝑡

4
while

being lower at 𝑡
2
. The influence of respiration was believed

to be significant for pressure distribution. We also found
relatively lower pressure zones at the entrances of LPA and
RPA,with the size of these zones alteredwith each subsequent
time step.

WSS is displayed in Figure 8. We observed relatively
higher WSS distribution in three zones on the configuration
at both conditions: the SVC connection area, the RIV, and
the RPA. Examining the geometry, the distorted spatial
configuration of vessels created in the surgery might be one
of the main reasons. The highest value of WSS was found at
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Figure 7: Pressure distribution (Condition II (a) and Condition I (b)).

the LPA at Condition II. It indicated that greater energy was
lost at this location. Also, the size and location of these high-
WSS zones changed instantaneously with the four time steps.
Because a close relationship exists betweenWSS and velocity
gradient (𝜏wall = −𝜇𝜕𝑈

𝑥
/𝜕𝑦|
𝑦=0

, where 𝜏wall represents
WSS, 𝜇 is blood viscosity, 𝜕𝑈

𝑥
/𝜕𝑦 is velocity gradient, 𝑈

𝑥
is

velocity of the fluid near the boundary, and 𝑦 is the height
above the boundary), the velocity gradient was believed to
have diversified at these zones with each subsequent time
step. On the other hand, we found that a relatively low
WSS existed at the SVC at Condition II and that the lower
value most likely weakened the influence of blood flow on
endothelial layer function at this zone. Thus, the influence of
respiration should be counted as one of the important factors
in the calculation of the results, and this influence may create
minor oscillations of WSS at Condition II.

Figure 9 depicts the streamlines at each time step. High-
speed zones distributed at the LPA and RPA at both con-
ditions. The highest value of velocity was found at the
LPA at Condition II, meaning that respiration affected the
pulmonary bloodflow through this increase of velocity. At the
confluent location, two flows from LIV and RIV were blend-
ed, and a low-speed area was observed at both Condition I
and Condition II. Moreover, a relatively lower velocity was
found in the confluent area at Condition II. This implied that

greater EL was generated when the two flows encountered
and passed through the SVC connection area. An unstable
blended flow occurred at the connection area between the
IVC and SVC.

Time-dependent EL and time-averaged EL were calcu-
lated as shown in Figure 10. The EL was lower at Con-
dition II. The maximum value of time-dependent EL was
approximately 0.04725W at Condition II, lower than that
at Condition I, 0.05581W. Furthermore, the time-averaged
value of EL at Condition II was approximately 1.5 times lower
than that at Condition I. This implied that the blood flow
could obtain energy from respiration to complement losses
caused by flow, confirming the conclusion of the previous
study that spontaneous breathing provided additional energy
for blood flow [33, 34]. More specifically, the maximum
value of this difference was around 0.05W. Unlike the regular
curve shape at Condition I, the curve of EL fluctuated at
Condition II during the whole breath cycle. A big wave
followed some small waves. It indicated that inspiration and
expiration had different influence on EL. When the patient
inspired, the maximum value of EL appeared. From the time-
dependent EL, we found some evidence of the influence of
respiration onEL.Detailed analysiswill be part of futurework
on the investigation of the time-dependent EL during both
inspiration and expiration. This will likely become one of the
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Figure 8: Results of wall shear stress (Condition II (a) and Condition I (b)).

methods for the patient’s clinical examination, through the
calculation of real-time EL in blood flow, with the influence
of respiration.

Figure 11 describes the percentages of flow ratio dis-
tributed at the LPA. The temporal value of the proportion at
the LPA was different at each subsequent time step, at both
conditions. The instantaneous value of the percentage varied
between 29% and 33% at Condition II in one heart cycle,
while the value at Condition I ranged from 28.9% to 31.5%.
However, the time-averaged value of FR at both conditions
was almost the same, around 30%. There was approximately
only a 0.6% difference between both values. The results
revealed that respiration was not the main influence on the
results of the mass flow distribution and that the time-aver-
aged ratio ofmass flowdistribution between the LPAandRPA
was close to 3 : 7 in this patient-specific case.

4. Discussion

Because the TCPC connection area was located in the tho-
racic cavity and was connected to the lungs through pul-
monary arteries, the effect of respirationmay have had a great
influence on the hemodynamic features in the anastomotic
region. In the present study, the computational hemodynamic
analysis methodology was used to analyze the characteristics
of local blood flow by evaluating the influence of respira-
tion in pulsatile simulation. The accuracy of computation

methodology on pulsatile simulation has been discussed in
our previous work [22].

Patient-specific pressure data was used as boundary con-
ditions to estimate the hemodynamic influence of respiration.
Although we noted that lumped parameter methods have
been reported in some cardiovascular hemodynamic litera-
tures, they were still short in evidence for the confirmation of
its accuracy in vivo.Themethod cannotmodel higher spatial-
resolution aspects without introducing sufficient elements
[35]. Further validation is still required to confirm its suitabil-
ity to reflect actual patient-specific hemodynamic situations,
particularly in regards to congenital heart disease patients.
A series of patient follow-up studies are being continuously
performed in our hospitals. We believe that these in vivo data
may be available to validate boundary conditions, including
the lumped model, in the future.

Local pressure, WSS, streamlines, EL, and FR at the
region of TCPC anastomosis were analyzed by calculations
at Condition I and Condition II. The results showed that the
regional flow patterns within the connection area, which was
related to the distribution of local pressure,WSS, and stream-
lines, differed from those calculated when the influence of
respiration was not taken into account, particularly for the
size of low-speed areas and local vortical flow. The spatial
conformation of the LIV, created in surgery, led the blood to
flow directly into the anterior part of the SVC and then into
the RPA. Blood flow from the RIV directed to the posterior
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Figure 9: Results of streamlines (Condition II (a) and Condition I (b)).
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Figure 10: Results of energy loss at Condition I and Condition II.

part of SVC and split into the LPA and the RPA. The flow
from the IVC interacted with that from the LIV and RIV
and then directed into the LPA and RPA. A low-velocity flow

region existed at the LIV-RIV bifurcation, and EL occurred as
a result in the area. Moreover, due to the different frequencies
between breath and heart beat, the unstable blood flow was
shown to be delayed slightly at the IVC at Condition II. This
could be explained by the delaying of the peak value at the
inlet when respiration was taken into account. Respiration
changed the pulsatile periodicity of blood flow. Meanwhile,
the intensity of vortical flow at the IVC domain was slightly
decreased. The salient part generated in the surgery near the
entrance of IVC should be the reason as to why a low-speed
area and flow recirculation existed in this region.

We believe that WSS must be discussed at instantaneous
conditions. The specific times, selected in this study to
compare instantaneous WSS, followed usual cardiovascular
applications: systolic peak and diastolic bottom (see Table 1).
Furthermore, it is well known that WSS is a vector value.
Thus, time-averaged WSS may result in a loss of significance
due to alternations of theWSS between positive and negative
values.

At conditions of high WSS, the WSS may influence the
development of vessels following the TCPC Fontan proce-
dure.The properties of the vessels must be taken into consid-
eration when analysing local hemodynamics. On one hand,
WSS also affects normal cardiovascular growth through gene
expression [36] and activates blood-forming stem cells [37].
The long-term effects of WSS, on the other hand, include
vascular remodeling and endothelial damage. By detailed
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examination of WSS between the two conditions at instan-
taneous time points, we found that respiration can weaken
the effect of WSS on vessel walls. These results indicated that
WSS may be overestimated if the calculation fails to consider
the influence of respiration in hemodynamic analysis.

In Figure 10, the values of both time-dependent EL and
time-averaged EL at Condition II were lower than those at
Condition I. One of the possible reasons was that respiration
could deliver energy through the transmission of pressure
waves. Furthermore, with the influence of respiration, the
unstable flow in the confluence region was attenuated, and
the direct head-to-head collision of the blood flow from the
LIV, RIV, and IVCwas decreased.Therefore, relatively low EL
was displayed at Condition II, as shown in Figure 10.

The EL was used as an effective indicator in many papers
to evaluate the efficiency of the operative designs. In this
study, we applied EL to reveal the efficiency of the TCPC
connection. When unfavorable vessel connections result in
flow separation and collision, ELmay exhibit sharp increases.
Furthermore, we should emphasize that the ELwas calculated
at a single pulse. If it was assembled accordingly to days
or years, the EL will be of nonnegligible number for the
newborn patient. It can be utilized as an indicator to evaluate
the outcomes of surgically created Fontan circulation. From
a hemodynamic point of view, energy loss fully describes
the hemodynamic severity, as well as any impacts on the
pumping ventricle. High energy loss thus impacts the pump-
ing ventricle which, together with the peripheral vasculature,
adapts itself to work harder to overcome the added drag so
as to meet the functions of the circulatory system. Thus, this
almost certainly results in chronic heart failure as a secondary

disease [38]. Therefore, EL is a vital factor in the estimation
and evaluation of hemodynamic characteristics.

Time-dependent effects of respiration on the FR are
shown in Figure 11. Compared with the average value of FR
at the two conditions at the LPA, no noticeable difference
occurred when the influence of respiration was taken into
account. It could be concluded that respiration had little effect
on the FR in the patient-specific TCPC study. Whether the
influence is universal or not, more patient-specific data is
required for examination in future studies. Currently, esti-
mation of FR enables to evaluate the balance of blood flow
distribution after Fontan procedure so as to enhance clinical
diagnosis for the long-term patient’s following therapies.

The important issue of this study was essential for future
correlative studies in the design of Fontan-type procedures.
The influence of respiration should be considered, especially
in the analysis of local hemodynamic characteristics. To
estimate quantitative analysis more accurately and make
regional flow features approach the realistic conditions, we
advocated that the influence of respiration should better be
included in numerical simulations.

There are most likely two limitations of the present study
which should be considered. Firstly, this study used the rigid
vessel model in the calculation of both conditions.Therefore,
the interaction of respiration and vessel compliance was not
taken into account. Although recent studies illustrated that
the method of fluid-structure interaction (FSI) scheme was
available [39], the complexity of clinical measurements of
vessel properties and the lack of well-established validation
methods for FSI simulation are still problems required to be
solved in future work. Secondly, the present studywas a single
patient-specific research. More cases should be investigated
in the following studies.

5. Conclusion

Based on the present study, the conclusion could be drawn
that the local hemodynamic characteristics at the TCPC con-
nection area were greatly influenced by respiration, including
the distribution of static pressure, WSS, and streamlines.
Respiration is one of the important physiological factors con-
tributing to the weakening of the effect ofWSS on vessel walls
and the offset of EL caused by blood flow. However, there was
no obvious difference in the time-averaged distribution ratio
of blood flow to pulmonary arteries when the influence of
respiration was considered. Furthermore, the effects of respi-
ration should better be considered in the correlative studies
for the purpose of physiological patient-specific TCPC inves-
tigation. Numerical analyses based on in-depth examinations
of the physiological flow conditions of patients are required
in order to evaluate the outcomes of the Fontan therapy.
Considering the results of the current study, greater emphasis
should be placed on the influence of respiration during the
numerical simulation of TCPC Fontan-type procedures.

In future studies, alongside continual study of the issues
mentioned above, our work will also concentrate on the
analysis of the influence of respiration and vessel compliance.
The method of obtaining this clinical data will be the crucial
point in the investigation.
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Appendix

Notation

𝜇: Dynamic viscosity
𝜌: Density

𝜏wall: Wall shear stress
Δ𝐼: Dimension of grid cell
Δ𝑡: Maximum of time step size
𝑓
𝑖
: Body forces

𝑖, 𝑗: Coordinate axes
𝑡: Time
𝑢: Time-averaged velocity

𝑢
𝑖
, 𝑢
𝑗
: Velocity vectors

𝐶
𝑟
: Courant number

𝐷: Characteristic length
EL: Energy loss
FR: Flow distribution ratio
𝑃: Pressure
𝑄: Volume flow rate
Re: Reynolds number
𝑈: Velocity vector

WSS: Wall shear stress.
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Double aortic aneurysm (DAA) falls under the category of multiple aortic aneurysms. Repair is generally done through staged
surgery due to low invasiveness. In this approach, one aneurysm is cured per operation. Therefore, two operations are required for
DAA.However, post-first-surgery rupture cases have been reported. Although the problems involvedwithmanaging staged surgery
have been discussed for more than 30 years, investigation from a hemodynamic perspective has not been attempted. Hence, this
is the first computational fluid dynamics approach to the DAA problem. Three idealized geometries were prepared: presurgery,
thoracic aortic aneurysm (TAA) cured, and abdominal aortic aneurysm (AAA) cured. By applying identical boundary conditions
for flow rate and pressure, the Navier-Stokes equation and continuity equations were solved under the Newtonian fluid assumption.
Average pressure in TAAwas increased byAAA repair. On the other hand, average pressure in AAAwas decreased after TAA repair.
Average wall shear stress was decreased at the peak in post-first-surgery models. However, the wave profile of TAA average wall
shear stress was changed in the late systole phase after AAA repair. Since the average wall shear stress in the post-first-surgery
models decreased and pressure at TAA after AAA repair increased, the TAA might be treated first to prevent rupture.

1. Introduction

An aortic aneurysm is abnormal dilatation on the aortic wall.
The formation and growth process are not fully understood
although some fundamental biological evidence has been
identified [1]. Lasheras stated that repeatedly applied shear
force stiffens the aortic wall by changing the biomechanical
reaction and when the aneurysm wall strength can no longer
tolerate the mechanical load, it ruptures. Moreover, he also
mentioned that atherosclerotic plaque was responsible for
the growth since it was found in the majority of aneurysms.
The death rate due to rupture is high; according to Shek, it
reaches 85% if an abdominal aortic aneurysm (AAA) is left
untreated [2]. The size of an aneurysm is closely related to

the rupture risk. Choke et al. demonstrated the relationship
between the size of AAA and the annual risk of rupture
[3]. From their research, the rupture risk increased as the
aneurysm diameter increased. Population-based research
shows that aneurysms are frequently formed at the aortic
arch and abdominal wall [4].

To cure an aneurysm, stent-graft implantation or artificial
graft replacement is the common surgical procedure. Since
the first procedure is less invasive, it is frequently used.
Frauenfelder et al. illustrated the reduction in AAA pressure
by stent-graft implantation through their fluid structure
interaction model and validation experiment [5].

If more than one aortic aneurysm is found, the condition
is called multiple aortic aneurysms (MAA). Crawford and
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Cohen reported that 191 of 1510 (12.6%) aneurysm patients
were diagnosed as MAA [4]. Yamanaka et al. also reported
that 153 of 1750 (8.74%) aneurysm patients had MAA [6].
Two surgical approaches are used for treating MAA: staged
surgical treatment or simultaneous surgery. The former
repairs each aneurysm by a single operation after a certain
recovery period; the latter treats all aneurysms by a single
operation. Crawford and Cohen suggested that simultaneous
surgery should be used to prevent death due to rupture of the
second aneurysm during the recovery period [4]. However,
the staged method is generally used because of its high
surviving rate [7]. The problem with the staged approach is
the management difficulty between operations: rupture of
residual aneurysms during this period has been reported.
Yamazaki et al. reported TAA rupture after successful AAA
stent graft implantation [8] and Ohnishi et al. also reported
similar cases [9]. Crawford and Cohen explained that post-
operation early death is caused by the second aneurysm
rupturing [4]. Normally, surgery priority is determined based
on the size of aneurysm and other surgical indications. The
indication size is five centimeters in diameter for AAA and
six centimeters for TAA. This is a reasonable approach since
the size of aneurysm is closely related to the rupture risk.
However, Kanamitsu and Yamada explained that AAA repair
is generally prioritized since the surgery of TAA alone is high
risk [10].

MAA-specific problems can be categorized as follows.
First, it is not clearwhether TAAorAAA repair should be pri-
oritized. Second, the timing of surgery is determined solely by
the size of aneurysm. To clarify these points, computational
fluid dynamics was used.

Thanks to the development of diagnostic equipment,
information taken from patients can be analyzed before sur-
gery. Blood flow velocity can be measured using magnetic
resonance imaging or ultrasound devices. However, crucial
information such as pressure and wall shear stress cannot
be sampled by these methods. The computational approach
enables these variables to be obtained, and in vivo conditions
can be simulated. From the perspective of hemodynamics, a
number of experimental and computational studies for single
aneurysms have been conducted. Since aneurysms are found
in thoracic and abdominal parts, previous works focused on
TAA or AAA [5, 11]. However, there are no reports onMAA.

Hence, the present research had two objectives. The first
was to investigate the change in flow pattern, wall shear stress,
and pressure distribution after the treatment of AAA and
TAA, respectively. The second was to identify, based on these
results, the lowest risk-staged surgery for treatment of double
aortic aneurysms (DAA). DAA, which has two aneurysms,
is the simplest type of MAA. To clarify these factors, three
idealized aorta models were prepared.

The models represented the untreated condition before
surgery (DAAmodel), TAA removed condition after the first
surgery (AAA cured model), and AAA repaired geometry
after the first surgery (TAA cured model). Next, flow was
simulated using two pairs of boundary conditions. Then, the
results from the postsurgery geometries were compared with
the result from the presurgery model.

2. Methods

As discussed, changes in wall shear stress and pressure distri-
bution are considered to be important factors for aneurysms.
Therefore, two cases of boundary conditions were used in the
present study. The first case was the fixed flow rate boundary
condition. Since wall shear stress is a function of only velocity
and coordinates, if the inlet flow rate is fixed, a change in
wall shear stress is attributed to the geometrical difference
under incompressible and the fluid assumption. The second
case was the pressure difference boundary condition.

In thismethod, to investigate the effect of time-dependent
pressure inlet and outlet pressure profiles were used. In both
cases, calculation was repeated five times.

2.1. GeometryConstruction. Themodel geometries are shown
in Figure 1. For the TAA and AAA cured models, the re-
paired model aneurysm section was straight, assuming stent-
graft insertion. The geometries and computation mesh were
created using Gambit 2.3.6 (ANSYS Inc.). The aneurysm
diameter of 0.055m (5.5 cm) was determined by Greenhalgh
et al. [12] as the surgery criterion for AAA. The aorta
diameter of 0.02m (2 cm) and straight pipe length were
determined by Gao et al. [13]. However, an extra length of
0.1m (10 cm) was added to the inlet. The arch diameter of
0.13m (13 cm)was determined by the double aortic aneurysm
geometry reconstructed from computed tomography data. At
the intersection edge of the straight model artery and the
aneurysm, a fillet of 0.005m (0.5 cm) was applied. All aortic
branches were ignored. The locations of the aneurysms were
determined in the aortic arch and abdominal part according
to Crawford and Cohen [4]. A tetrahedron mesh was created
using Gambit.Themesh characteristic size was set to 0.001m
(0.1 cm).Thenumber of elementswas 80103, 71748, and 69342
for theDAA, TAA cured, andAAA curedmodel, respectively.

2.2. Computational Fluid Dynamics (CFD). For the simula-
tion, the commercial CFD package Fluent 14.5 (ANSYS Inc.)
was used. The Navier-Stokes and continuity equations were
discretized by the finite volumemethod assumingNewtonian
laminar flow and were solved. For density and viscosity,
1050 kgm−3 and 0.0035Nm−1 s−1 were assigned.

2.3. Boundary Condition. As explained earlier, the fixed flow
rate and fixed pressure boundary conditions were simulated
to observe changes in wall shear stress and pressure after the
first surgery.

Therefore, two pairs of boundary conditions were pre-
pared. First, the inflow rate profilewas obtained fromTse et al.
[14], and the pressure profile fromOlfusen et al. [15] was used
for wall shear stress analysis. The pressure curve at the inlet
was sampled and then was used as the boundary condition
for the fixed pressure calculation. The pressure was sampled
at the centre of the inlet. The spatial variation on the inlet
cross-section was negligible.The flow rate and pressure curve
are shown in Figures 2 and 3, respectively. The calculated
pressure wave profile at the inlet and the outlet pressure
profile are shown in Figure 4. To sample inlet pressure curve,
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Figure 1:DAA (left), TAAcured (centre), andAAAcured (right) geometries, red: abdominal aortic aneurysm, blue: thoracic aortic aneurysm.
Inlet: left, outlet: right, all dimensions in meter.
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Figure 2: Inlet flow rate profile for flow rate fixed simulation.

0.1 0.2 0.4 0.6 0.8 1.0

Pr
es

su
re

 (p
as

ca
l)

Time (s)

Outlet pressure 

17000

16000

15000

14000

13000

12000

11000

10000

Figure 3: Outlet pressure profile.

the DAA model was used. In Figure 4, the red line indicates
the calculated pressure and the green line represents the
outlet pressure. These curves were uniformly applied at the
inlet and outlet planes.
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Figure 4: Calculated inlet pressure profile (red) and outlet profile
(green) for pressure fixed simulation.

3. Result

The velocity vector and wall shear stress from the fixed flow
rate model boundary condition and the pressure sampled
from the fixed pressure difference boundary condition are
shown. For the flow pattern analysis, the results from the
fixed flow rate and fixed pressure boundary conditions will
be presented. For the analysis of wall shear stress, the results
were taken from the fixedflow rate case, and for the analysis of
pressure, the pressure difference boundary condition results
were used. The average Reynolds number was 925 and the
maximum Reynolds number was 4880 according to the flow
rate profile and the geometry.The calculation result was taken
from the fifth cycle (𝑡 = 4.0-5.0 s).

3.1. Velocity. In the early and late systole phases, vortices
were created in TAA and AAA. When the flow accelerated,
vortices disappeared. The velocity magnitude was smaller in
an aneurysm than in the straight artery section. Figure 5
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Figure 5: Velocity vector in aneurysms: (a) TAA in DAAmodel versus TAA in AAA curedmodel, (b) AAA in DAAmodel versus TAA cured
model.

plots the velocity vector in aneurysms. The figure uses
the fixed flow rate boundary condition to demonstrate the
relationship with the distribution of wall shear stress. The
colour of the vector illustrates the magnitude of velocity.
The images were taken at 𝑡 = 4.20, 4.28, 3.34, and 4.45 s.
These represent early systole, peak, late systole, and backflow
phases. For the TAA flow pattern in the DAA andAAA cured
models, there was no vortex during the acceleration. In the
early and the late systole phase, vortices were created in TAA
and AAA. When the flow accelerated, vortices disappeared.
In aneurysm, the velocity magnitude was slower than the
straight tube section. As shown in Figure 5(a), there is no
backflow or vortex at 𝑡 = 4.28 s. As the velocity decreased,
a clockwise vortex was formed in TAA. At this time step,
the flow entered the aneurysm from the outer aortic arch

(𝑡 = 4.34 s in Figure 5(a)). A small backflow was initiated
on the inner aortic arch wall, and the backflow velocity
magnitude gradually increased after the peak. As shown in
Figure 5(a), the circulation velocity magnitude at this time
step was larger in the AAA cured model than in the DAA
model. For AAA flow in the DAA and TAA cured models,
almost symmetrical vortices were found for most time steps.
Figure 5 shows that, at 𝑡 = 4.34 s, flow faster than 0.2m s−1
was more concentrated at the central path in the DAAmodel
than in the TAA curedmodel. At 𝑡 = 4.34 and 4.45 s, backflow
near the wall can be observed in both theAAA inDAA and in
TAA cured models. However, the symmetry was temporarily
destroyed at the initial backflow, which can be confirmed
from the velocity vector plot at 𝑡 = 4.45 s in the TAA cured
model.
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Figure 6: Peak velocity on DAA, TAA cured, and AAA cured middle plane DAA (a), TAA cured (b), and AAA cured (c).
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Figure 7: Helical flow at ascending and descending aorta 𝑡 = 4.13 and 𝑡 = 4.41 second: (a) DAA, (b) TAA cured (right).

To observe the geometrical effects on the flow, the velocity
vector plot on the middle planes of the model is illustrated in
Figure 6. The figure was taken at the velocity peak 𝑡 = 4.28 s.
The colour illustrates the magnitude of velocity. The flow
velocity magnitude in the cured models was clearly slower
than in the DAA model. The slowest flow speed was found
in the AAA cured model. The TAA cured model had the
second largest velocity magnitude at the peak. However, at
the mid-to-late systole phase, the velocity magnitude in the
TAA cured and AAA cured models increased, and a larger
increase was found in the TAAmodel. Fast flow was found at
the inner wall of the aortic arch for all models. The velocity
magnitude of the AAA cured model was the smallest in this
section. Figure 7 depicts helical flowby streamline plots; color
illustrates the magnitude of velocity. At both 𝑡 = 4.13 and

4.41 s, fast circulation flow was found in TAA. At 𝑡 = 4.41 s,
there was a difference of over 0.2m s−1 in the region near
the inlet. Helical flow was observed at the ascending and
descending aorta, which is a known characteristic for the
aortic arch flow [16].

Furthermore, the flow was observed several time steps
before the acceleration of velocity.

3.2. Pressure. Average pressure was calculated to evaluate
rupture risk. Pressure was sampled from the colored area in
Figure 1. The number of sampling points was 4468 and 4548
for TAA and AAA in the DAA model, respectively. For the
AAAcured andTAAcuredmodels, the numberwas 5060 and
4818 points, respectively.The aneurysm sections had identical
surface area. However, because of the difference in sampling
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Figure 8: Pre- and post-first-surgery average pressure change in aneurysms: (a) average pressure comparison in TAA, (b) average pressure
comparison in AAA.
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Figure 9: Average wall shear stress per cycle: (a) average wall shear stress comparison in TAA, (b) average wall shear stress comparison in
AAA green line. Presurgery double aneurysms, red line: post surgery TAA cured or AAA cured.

node number averaging was required. The change in average
pressure in the aneurysm sections is illustrated in Figure 8. In
the figure, the red line represents average pressure fromDAA
mode and the green line illustrates that from AAA model
(a)/TAA model (b). A comparison of pre- and postsurgery
TAA pressure in Figure 8 indicates that the average pressure
increases at 𝑡 = 4.23 s in the AAA cured geometry. Moreover,
at 𝑡 = 4.38 s, the TAA pressure in the AAA cured model
decreased. Therefore, the magnitude of the pressure wave
increased after AAA repair. On the other hand, in the TAA
cured model, the AAA pressure decreased at 𝑡 = 4.25 s.
Another notable change was between 𝑡 = 4.3 and 4.4 s, when
the average pressure in the AAA cured model was smaller
than that in the DAAmodel.The quantitative difference after
repair was as follows. For TAA, the increase in pressure was

measured to be about 0.8% at the average pressure peak.
For AAA, the decrease in pressure was about 0.8% at the
average pressure peak. However, the largest pressure change
was found at the slope just after the average pressure peak.
A decrease of about 1.0% was found from TAA in the AAA
cured model, and the figure from AAA in the TAA cured
model showed an increase of 1.0%.

3.3.Wall ShearDistribution. Wall shear distribution contours
were taken from the fixed flow rate simulation. Figure 9
shows the average wall shear stress on the TAA surface. The
green line represents the average wall shear stress taken from
the DAA model, and the red line demonstrates that from the
AAA cured model. The sampling sections are coloured in
Figure 1. From Figure 9, a comparison between the DAA and
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Figure 10: Wall shear stress contour comparison: (a) TAA, (b) AAA.

AAA cured models shows a drop in average wall shear stress
in the AAA cured model at the peak of 𝑡 = 4.28 s. In contrast,
average wall shear stress increased after the peak. Similarly,
regarding AAA in the DAA and TAA cured models, the
average wall shear stress decreased at the peak but increased
in the mid-to-late systole phases. By comparing the average
wall shear stress taken from TAA and AAA, a larger increase
in wall shear stress was found in TAA in the AAA cured
model.

Furthermore, the late systole wave profile implies that
the wall shear stress wave profile differed from that of DAA.
Figure 10 compares the wall shear stress contours at 𝑡 =
4.28 and 𝑡 = 4.62 s. The colour in the figure represents
the magnitude of wall shear stress. A comparison of the

distribution of TAAwall shear stress from theDAA andAAA
cured models reveals a notable difference in the wall shear
stress pattern. From TAA in the AAA cured model, a region
of wall shear stress of over 1.0 Pa was found in the late systole
phase at 𝑡 = 4.62 s. The location was on the wall surface of
the outer aortic arch. The wall shear stress of the inner aortic
arch was similar in magnitude to that from DAA. The wall
shear stress region from the DAA model was around 0.5 Pa.
In addition, from the DAA and AAA cured models, a low
stress point was found near the TAA center.This location was
identical to the center of the vortex.Thepointmovement path
is illustrated in Figure 11.

In the AAA wall shear stress distribution, a change in
wall shear stress distribution of the posterior side was found



8 The Scientific World Journal

W
al

l s
he

ar
 st

re
ss

 (p
as

ca
l)

1

0.75

0.5

0.25

0

Figure 11: Lowwall shear stress pointmovement path (red line), left:
DAA, right: AAA cured.

although the difference between the DAA and TAA cured
models was small. A comparison of AAA in the DAA and
TAA cured models reveals that the symmetry of wall shear
distribution was lost after TAA repair. At most time steps,
the wall shear stress of the posterior side was not equivalent
to that of the anterior side in the TAA cured model. At
the late systole phase, both the DAA and TAA cured wall
shear distributions show a low wall shear stress area from
the inlet to the middle of the aneurysm. The region moved
downstream during the midsystole phase.

4. Discussion

Figure 6 shows that the velocity magnitude in the aneurysm
cured models was slower than that in the DAA model at
the peak. This is a reasonable result since shear stress is a
function of the first derivative of velocity with respect to the
distance from the wall, and the viscosity was assumed to be
constant in this simulation. If an aneurysm that has a larger
diameter than the mother vessel is removed, the distance
to the wall must be reduced. In other words, the removal
of the aneurysm increases the resistive force. The increase
in velocity magnitude in the mid-to-late systole phase was
considered to be the cause of the increase in wall shear stress.
Figure 5 at 𝑡 = 4.45 s demonstrates the loss of symmetry after
TAA repair. It is considered that the vortex in TAA acted
as a mixer or diffuser. In AAA in TAA cured model, the
convective effect became larger and the flow symmetry was
destroyed.

A comparison of the average aneurysm pressure revealed
an increase in pressure at TAA in the AAA cured model.
Moreover, themagnitude of the TAApressure wave increased
over the cycle. The authors believe that this may lead to post-
surgery TAA failure since an aneurysm rupture is considered
to be due to mechanical failure If this assumption is correct,

an increase in pressure peak has the largest possibility of
rupture.

A comparison of average wall shear stress in TAA and
AAA showed a decrease in the peak and an increase in the late
systole phase. A notable changewas found at TAA in theAAA
curedmodel, and the increase in average wall shear stress was
larger than that at AAA in the TAA curedmodel. An increase
in velocity magnitude after the velocity peak in the TAA and
AAA cured models was also confirmed. Moreover, the mid-
to-late systole average wall shear stress wave profile changed
at TAA in the AAA cured model. From a biomechanics
perspective, it is known that the receptor reaction is triggered
by a change in wall shear stress distribution and causes
solidification of the vessel. Therefore, TAA in the AAA cured
model is considered to be a larger risk than AAA in the
TAA cured model. A comparison between Figures 5 and 10
demonstrates that the high wall shear stress region matches
the region of larger velocity magnitude. For example, when
the flow decelerated, the region of larger velocity magnitude
moved to the outer aortic arch wall. Regarding the spatial
gradient of wall shear stress in TAA, the wall shear stress of
the inner aortic arch was smaller than that of the outer aortic
arch for all time steps.

Furthermore, from Figure 11, the low wall shear stress
area was found in the center of TAA from the DAA and
AAA cured models. The point moved and joined the inner
small wall shear stress region just before the acceleration of
flow. Since the small shear stress region is closely linked with
the accumulation of thrombus [17], this process may work
negatively.

Thrombus collected at the center of TAA and moved
toward the inner arch wall area and accumulation started
there. In addition, Boussel et al. reported the correlation
between small wall shear stress area and aneurysm growth
[18]. Therefore, for the long term, attention should be paid
to the section. In AAA, the wall shear stress near the inlet
was smaller than that near the outlet, and the anterior side
wall had slightly larger wall shear stress than the posterior
side wall. The difference between wall shear stress in the
anterior and posterior walls was smaller than that in the
inlet and outlet walls. As discussed, the pressure and wall
shear stress results suggest an increase in rupture risk in TAA
after treatment of AAA, although it is difficult to predict and
specify which of the two will trigger this.

There are some limitations in this work. The distribution
of inlet velocity was assumed to be uniform, but it is asym-
metric in reality. Renner et al. [19] pointed out this problem
through simulation from three boundary configurations.
In their work, MRI-captured actual velocity distribution,
uniform distribution, and parabolic distribution were used to
investigate the change in wall shear stress distribution.

To simplify the simulation and to clearly observe the
difference in poststent implanted condition, the geometries
were assumed to be rigid. If an elastic model is used, a wave
shift might be found by fluid and structure coupling effects.

Furthermore, the sizes of TAA and AAA were assumed
to be identical to simplify the problem. However, the volume,
shape, and location of the geometries differ for each patient.



The Scientific World Journal 9

Moreover, the poststent implanted condition was modelled
by straight tube. In reality, the surface of the artery is covered
by fabric and metal mesh. Therefore, disturbance of the flow
cannot be eradicated as demonstrated in this model study.

5. Conclusion

To investigate the postsurgery rupture of double aortic
aneurysms, changes in pressure and wall shear distribution
were investigated under fixed flow rate and pressure differ-
ence boundary conditions. The average pressure sampling
results revealed that pressure increased at TAA after AAA
repair. In contrast, AAA pressure dropped in the TAA cured
model.The average wall shear stress demonstrated a decrease
at the peak. However, an increase in wall shear stress was
found in the late systole phase. In addition, a larger increase
was found at TAA in the AAA cured model than that at
AAA in the TAA cured model. The calculated average wall
shear stress curve differed from the curve for TAA in the
DAA model. Since aneurysm rupture is considered to be a
mechanical failure, it is reasonable to estimate that rupture is
triggered when themaximum load is applied to the structure.
Therefore, an increase in average pressure may be one cause
of rupture.

Moreover, the increase and change in average wall shear
stress curve for TAA in the AAA cured model are also
considered to be a cause of rupture in the long term since a
change inwall shear stresswaveform triggers a biomechanical
reaction and solidifies the artery. A less flexible artery is easily
damaged. Hence, both the calculated pressure and wall shear
stress suggest that the risk of TAA rupture is increased after
AAA treatment. Moreover, since AAA pressure decreased
and there was a significant difference in the average wall shear
stress after TAA repair, TAA treatment should be prioritised.
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The clinical benefits of the Fontan operation in treating single-ventricle defects have been well documented. However, perioperative
mortality or morbidity remains a critical problem. The purpose of the present study was to identify the cardiovascular factors that
dominate the transient hemodynamic changes upon the change of a bidirectional cavopulmonary (Glenn) anastomosis (BCPA) into
a total cavopulmonary connection (TCPC). For this purpose, two computationalmodels were constructed to represent, respectively,
a single-ventricle circulation with a BCPA and that with a TCPC. A series of model-based simulations were carried out to quantify
the perioperative hemodynamic changes under various cardiovascular conditions. Obtained results indicated that the presence of
a low pulmonary vascular resistance and/or a low lower-body vascular resistance is beneficial to the increase in transpulmonary
flow upon the BCPA to TCPC change. Moreover, it was found that ventricular diastolic dysfunction and mitral valve regurgitation,
despite being well-known risk factors for poor postoperative outcomes, do not cause a considerable perioperative reduction in
transpulmonary flow.The findings may help physicians to assess the perioperative risk of the TCPC surgery based on preoperative
measurement of cardiovascular function.

1. Introduction

The Fontan operation is a surgical procedure performed in
patients with complex congenital heart disease that cannot be
treated by a biventricular repair [1]. Since the first proposal in
1971 [2], the operation has been undergoing modifications,
such as introduction of staged operation strategy, refinement
in pre- and post-Fontan management, and optimization of
cavopulmonary connection configuration [1]. These mod-
ifications have contributed significantly to a continuous
improvement of clinical outcomes in the past decades.

For example, the long-term (>10 years) survival rate has
been increased from 60–70% (before 1985) to 80–90% [3–
5]. Moreover, the technical advancements have enabled the
extension of the operation to high-risk patients [6].

Despite the overall favorable clinical manifestations, the
operation remains to be further improved, particularly in
the perioperative stage. A follow-up study revealed that
perioperative mortality accounted for 68.4% of all deaths [5].
Another study showed that the rate of early death in high-
risk patients reached over 10%, due primarily to low cardiac
output syndrome [6]. Population-based studies have allowed



2 The Scientific World Journal

identification of many factors associated with poor clinical
outcomes, such as low ventricular ejection fraction [7], high
pulmonary vascular resistance [8, 9], atrioventricular valve
regurgitation [6, 8], and ventricular diastolic dysfunction [10,
11]. The hemodynamic effect of a specific factor is, however,
difficult to be quantified by clinical measurements because
under in vivo conditions multiple factors always interact
to determine the overall hemodynamic conditions in the
cardiovascular system.At this point, computationalmodeling
of the cardiovascular system may offer a useful complemen-
tary tool for clinical studies. In the literature, computational
models have beenwidely used to provide quantitative insights
into hemodynamic phenomena of interest [12–14], including
those related to the Fontan operation [15–18].

In the present study, we developed a set of computational
models to account for the hemodynamic characteristics of
a single-ventricle circulation in different stages of Fontan
operation: (1) in the second stage with a bidirectional
cavopulmonary (Glenn) anastomosis (BCPA) and (2) in the
final stage with a total cavopulmonary connection (TCPC).
The models were used to quantify the transient changes
in hemodynamic variables, such as central venous pressure
and oxygenated flow (i.e., flow through the pulmonary
circulation) upon the change of a BCPA into a TCPC. In
particular, we carried out a series of simulations under
various cardiovascular conditions, with the aim of identifying
the cardiovascular factors that dominate perioperative hemo-
dynamic changes.

2. Materials and Methods

2.1. Model Development. A single-ventricular circulation
with a BCPAwas firstlymodeled using the lumped parameter
modeling method. In the model, the pulmonary circulation
was divided into the left and right parts, with each part being
further divided into three serially arranged compartments
that represent the arterial, capillary, and venous vascular
portions, respectively (see Figure 1(a)).The systemic vascular
system was divided into aorta, vena cava, and two parallel-
arranged upper-body (including the head and the upper
limbs) and lower-body (including the splanchnic organs
and the lower limbs) subsystems. The properties of each
vascular portion were accounted for by three parameters
(namely, resistance (𝑅), compliance (𝐶), and inertance (𝐿))
that represent the viscous resistance, wall deformability, and
blood inertia of the vascular portion, respectively. Governing
equations were obtained by imposing mass and momentum
conservation along the flow pathway. Taking blood flows in
the vicinity of the lower-body capillary bed as an example,
the mass conservation equation reads

𝑑𝑃cap l

𝑑𝑡
=

𝑄art l − 𝑄cap l

𝐶cap l
, (1)

and the momentum conservation equation is

𝑑𝑄cap l

𝑑𝑡
=

𝑃cap l − 𝑄cap l𝑅cap l − 𝑃ven l

𝐿cap l
. (2)

Here, 𝑃cap l and 𝑃ven l refer, respectively, to the blood pressure
in the lower-body capillary bed and the veins; 𝐶cap l, 𝑅cap l,
and 𝐿cap l represent, respectively, the compliance, viscous
resistance, and blood inertance of the lower-body capillary
bed; 𝑄cap l and 𝑄art l denote the blood flow rates through the
lower-body capillary bed and the upstream arteriolar bed,
respectively.

According to the typical anatomy of a single-ventricle
heart, the heart was herein modeled to include three cham-
bers, namely, the right atrium, the left atrium, and the left
ventricle (the left ventricle is herein taken as the functional
ventricle). Moreover, there is an atrial septal defect (ASD)
located between the right and left atria. The pumping action
of each cardiac chamber was described by a time-varying
elastance that has been widely used in previous studies [19–
22]:

𝐸 (𝑡) = 𝐸
𝑠
𝑒 (𝑡) + 𝐸

𝑑
, (3)

where 𝐸
𝑠
is the maximum value of the active elastance; 𝐸

𝑑

is the baseline stiffness of the cardiac chamber. For the left
ventricle,𝐸

𝑠
and𝐸

𝑑
reflect the systolic and diastolic functions,

respectively. 𝑒(𝑡) is a normalized time-varying function of the
active elastance; for the left ventricle, it is written as [22]

𝑒lv (𝑡)

=

{{{{{{{

{{{{{{{

{

0.5 [1 − cos( 𝜋𝑡

𝑇vcp
)] , 0 ≤ 𝑡 ≤ 𝑇vcp,

0.5 {1 + cos[
𝜋 (𝑡 − 𝑇vcp)

𝑇vrp
]} , 𝑇vcp < 𝑡 ≤ 𝑇vcp + 𝑇vrp,

0, 𝑇vcp + 𝑇vrp < 𝑡 ≤ 𝑇0.

(4)

Here, 𝑇
0
is the duration of a cardiac cycle; 𝑇vcp and 𝑇vrp

refer, respectively, to the durations of ventricular contraction
and relaxation. The modeled elastance curve of the left
ventricle under resting conditions (heart rate = 75 beats/min)
is compared with in vivo data [23] in Figure 2.

With the elastance being defined, blood pressure (𝑃cc) in
each cardiac chamber can be related to chamber volume (𝑉cc)
by [19–22]

𝑃cc (𝑡) = 𝐸 (𝑡) (𝑉cc − 𝑉cc,0) + 𝑆cc
𝑑𝑉cc
𝑑𝑡

, (5)

where 𝑉cc,0 refers to the unstressed volume, herein taken to
be zero, and 𝑆cc is the viscoelasticity coefficient of the cardiac
wall.

The hemodynamic effects of cardiac valves were modeled
by means of relating the pressure gradient across the valves
to the transvalve flow rates [19, 22]. Taking the mitral valve as
an example,

Δ𝑃mv = 𝑅mv𝑄mv + 𝐵mv𝑄mv
𝑄mv

 + 𝐿mv
𝑑𝑄mv
𝑑𝑡

, (6)

where Δ𝑃mv and 𝑄mv represent the transvalve pressure
drop and flow rate, respectively. 𝑅mv, 𝐵mv, and 𝐿mv refer,
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Figure 1: Electric analogies of the single-ventricle circulations with a BCPA (a) and a TCPC (b). The arrows indicate the direction of blood
flow.

respectively, to the transvalve viscous resistance, Bernoulli’s
resistance, and blood inertance when the mitral valve is
opened.

A normal mitral valve will close when atrial pressure
goes below the ventricular pressure and, at the same time,
transmitral flow approaches zero, thus effectively preventing
the occurrence of reversed flow directed from the left ven-
tricle toward the left atrium. However, such a role may be
weakened when pathological changes develop in the leaflets
of the mitral valve. A typical phenomenon associated with
mitral valve abnormalities is flow regurgitation in systole.
To model the phenomenon, we calculated the mitral valve
Bernoulli’s resistance (𝐵mv,reg) and inertance (𝐿mv,reg) upon
the occurrence of flow regurgitation based on the effective

area of flow regurgitation (𝐴 reg) and the dimension of the left
atrium:

𝐵mv,reg = 0.5𝜌(
1

𝐴 reg
−

1

𝐴 la
)

2

,

𝐿mv,reg = 2𝜋𝜌√
1

𝐴 reg
−

1

𝐴 la
,

(7)

where 𝜌 is the density of blood;𝐴 la is the nominal area of the
left atrium calculated from its volume by assuming a spherical
shape.

In this way, a mitral valve with regurgitation operates in
two modes: (1) the normal mode where the transvalve
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Figure 2: Modeled elastance curve (𝐸(𝑡)) of the left ventricle
compared with in vivo data (mean± SD) under resting conditions
(heart rate = 75 beats/min). Here, the elastance is normalized by
its peak value and time is normalized by the time interval from
the beginning of ventricular contraction to the arrival of the peak
elastance.

forward flow is computed using the normal valve parameters
and (2) the regurgitation mode in which case the atrium
to ventricle retrograde flow is computed using the valve
parameters derived from (7).

The governing equations consistedmainly of the ordinary
differential equations formulated at the 𝑅, 𝐿, and 𝐶 compo-
nents and nonlinear equations that describe cardiac chamber
dynamics and cardiac valve function. The equation system
was solved using a fourth-order Runge-Kutta method. For
more details, the reader is invited to refer to our previous
studies [20, 21].

2.2. Parameter Assignment. The parameters used in the
models were assigned to reproduce the typical hemodynamic
characteristics of a child aged 3-4 years with the weight and
height being 17 Kg and 105 cm, respectively.The total vascular
compliance (𝐶sys) and pulmonary vascular compliance (𝐶pul)
were set as a function of body weight by 𝐶sys = 2.1 ∗

weight [24] and 𝐶pul = 0.408 ∗ weight, respectively [25].
For other model parameters, such as systemic/pulmonary
vascular resistances and cardiac elastances, although most of
them are derivable from previous studies [26–28], there are
significant discrepancies among the values used in different
studies. Therefore, the model parameters were reassessed
in the present study. To this aim, preliminary parameter
estimation from a validated adult model [20, 21] was firstly
performed based on the weight and body surface area
according to the general scaling laws [29]. Subsequently, the
parameter values were refined via a parameter optimization
procedure [30] aimed to match model-simulated hemody-
namic variables with the available in vivo data [18, 31–33].The
assigned parameter values are summarized in Table 1, which
were used both in the BCPA circulation model and in the
TCPC circulation model. The simulated results for the BCPA

circulation under resting conditions (cardiac duration =
0.67 s) are compared with clinical data in Table 2. It is
observed that all the model-simulated hemodynamic values
fall within the ranges of the measured data.

2.3. Simulation Conditions. Model parameters correspond-
ing to the major risk factors identified in clinical studies
were studied regarding their effects on the hemodynamic
consequence of changing a BCPA into a TCPC. The parame-
ters studied include the pulmonary vascular resistance (𝑅pul),
the arteriolar resistance of the lower body (𝑅art l), and the
ventricular maximum active elastance (𝐸slv) in systole and
baseline passive elastance (𝐸dlv) in diastole. In each set of
simulation, a parameter varied from 50% to 250% of its
default value in an interval of 10%. It is noted that, when
a parameter varied, the other three parameters were held
at their default values (as given in Table 1). Moreover, the
effects of mitral valve regurgitation were investigated as well
by varying the effective area of flow regurgitation from 0.01
to 0.21 cm2. In all the simulations, the cardiac duration (𝑇

0
),

intrathoracic pressure (𝑃it), and pericardial pressure (𝑃pc)
were fixed at 0.67 s, −3.5mmHg, and 3mmHg, respectively.

3. Results

3.1. Hemodynamic Changes Associated with the Change of a
BCPA to a TCPC. Simulations were firstly performed for the
BCPAcirculation and theTCPCcirculation under the control
conditions to investigate the basic hemodynamic phenomena
associated with the BCPA to TCPC change. The simulated
results for the main hemodynamic variables are reported in
Table 2, with the corresponding pressure and flowwaveforms
being illustrated in Figures 3 and 4, respectively. From
the results, the BCPA to TCPC change leads to significant
hemodynamic changes over the system, such as a marked
increase in inferior vena cava (IVC) pressure and a significant
decrease in cardiac output and arterial pressure. In addition,
there is a slight increase in transpulmonary flow rate upon the
BCPA to TCPC change.

The most pronounced changes in flow/pressure wave-
forms induced by the BCPA to TCPC change were predicted
in the IVC. In the BCPA circulation, the IVC blood flow
waveform exhibits a typical biphasic shape featured by the
presence of two peaks and considerable retrograde flow as
has been observed in in vivo studies [34]. After the TCPC
operation, only one peak remains and the retrograde flow
disappears. At the same time, the pulsatility of the IVC
pressure is significantly reduced.

It should be noted that post-TCPC cardiovascular regu-
lation or adaptation has not been considered in the present
study. As a consequence, the computed post-TCPC cardiac
output and arterial pressure are obviously lower than those
reported in previous studies [32].

3.2. The Effects of Cardiovascular Properties on the Changes
in Pulmonary Flow Rate and Venous Pressure upon the BCPA
to TCPC Change. Figure 5 shows the simulated changes in
pulmonary flow rate (a) and IVCpressure (b) when the BCPA
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Table 1: Default parameter values used in the BCPA circulation model under resting conditions.

Heart 𝐸ras = 0.26 𝐸rad = 0.36 𝐸las = 0.5 𝐸lad = 0.7 𝐸lvs = 6.64 𝐸lvd = 0.18

𝑇
0

= 0.67 𝑇vcp = 0.246 𝑇vrp = 0.147 𝑆ra = 𝑃ra ∗ 0.0005 𝑆la = 𝑃la ∗ 5𝐸 − 4 𝑆lv = 𝑃lv ∗ 5𝐸 − 4

Cardiac valves 𝐿mv = 1.4𝐸 − 3 𝐵mv = 8𝐸 − 5 𝑅mv = 8𝐸 − 3 𝐿av = 1.4𝐸 − 3 𝐵av = 1.2𝐸 − 4 𝑅av = 1.2𝐸 − 2

Pulmonary
circulation

𝐶pt = 0.144 𝐿pt l = 4𝐸 − 3 𝑅pt l = 1𝐸 − 3 𝐿pt r = 4𝐸 − 3 𝑅pt r = 1𝐸 − 3

𝐿pua l = 6.7𝐸 − 3 𝑅pua l = 0.235 𝐶pua l = 0.217 𝐿puc l = 4𝐸 − 3 𝑅puc l = 0.173 𝐶puc l = 2.35

𝐿puv l = 6.7𝐸 − 3 𝑅puv l = 0.103 𝐶puv l = 0.97 𝐿pua r = 6.7𝐸 − 3 𝑅pua r = 0.235 𝐶pua r = 0.217

𝐿puc r = 4𝐸 − 3 𝑅puc r = 0.173 𝐶puc r = 2.35 𝐿puv r = 6.7𝐸 − 3 𝑅puv r = 0.103 𝐶puv r = 0.97

ASD 𝐿ASD = 5𝐸 − 4 𝑅ASD = 1𝐸 − 3

Aorta 𝐿ao l = 3𝐸 − 2 𝑅ao l = 6.5𝐸 − 2 𝐿ao u = 1.5𝐸 − 2 𝑅ao u = 0.15 𝐶ao = 0.267

Vena cava 𝐿 ivc = 7.5𝐸 − 3 𝑅ivc = 2𝐸 − 2 𝐶ivc = 3.95 𝐿 svc = 3.8𝐸 − 3 𝑅svc = 6.4𝐸 − 2 𝐶svc = 0.54

Systemic
circulation

𝐿art l = 1.5𝐸 − 2 𝑅art l = 4.22 𝐶art l = 0.13 𝐿 cap l = 4.5𝐸 − 3 𝑅cap l = 0.32 𝐶cap l = 6𝐸 − 2

𝐿ven l = 9𝐸 − 3 𝑅ven l = 6.5𝐸 − 2 𝐶ven l = 22.0 𝐿art u = 7.5𝐸 − 3 𝑅art u = 2.91 𝐶art u = 1.8𝐸 − 2

𝐿 cap u = 2.3𝐸 − 3 𝑅cap u = 0.75 𝐶cap u = 8.5𝐸 − 3 𝐿ven u = 4.5𝐸 − 3 𝑅ven u = 0.15 𝐶ven u = 3.0

Notation of parameters: 𝐸: elastance; 𝑆: viscoelastic coefficient; 𝑇: time; 𝑅: resistance; 𝐿: inertance; 𝐶: compliance; 𝐵: Bernoulli’s resistance. Please refer to
Figure 1 for the locations of the parameters in the model. Units of parameters: 𝐸: mmHg⋅mL−1; S: mmHg⋅s⋅mL−1; T: s; R: mmHg⋅s⋅mL−1; 𝐿: mmHg⋅s2⋅mL−1;
𝐶: mL⋅mmHg−1; 𝐵: mmHg⋅s2⋅mL−2.
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Figure 3: Simulated flow waveforms in the vena cava and pulmonary arteries for the BCPA circulation (a) and TCPC circulation (b). SVC:
superior vena cava; IVC: inferior vena cava; L.PUA: left pulmonary artery; R.PUA: right pulmonary artery.

is changed into a TCPC under various cardiovascular con-
ditions as described in Section 2.3. Herein, the results are
presented in the form of a percentage change in pulmonary
flow rate or venous pressure relative to the pre-TCPC value to
favor a quantitative comparison among the effects of different
parameters. Pulmonary vascular resistance (𝑅pul) and lower-
body arteriolar resistance (𝑅art l) are observed to have the
most significant influence on the change in transpulmonary
flow associated with the TCPC operation. With an extremely
high 𝑅pul or 𝑅art l, pulmonary flow may even decrease after
the TCPC operation. Interestingly, with ventricular diastolic
dysfunction (herein characterized by increased ventricular
chamber stiffness in diastole), the BCPA to TCPC change
is accompanied by a larger increase in pulmonary flow.

Relatively, ventricular systolic function only has a mild effect.
The change in central venous pressure (herein refering to
pressure in the IVC) is determined primarily by pulmonary
vascular resistance and ventricular diastolic function, while
it is less affected by lower-body arteriolar resistance and
ventricular systolic function.

3.3. The Effects of Mitral Valve Regurgitation on the Changes
in Pulmonary Flow Rate and Venous Pressure upon the BCPA
to TCPC Change. Figure 6 shows the changes in pulmonary
flow rate (a) and venous pressure (b) plotted as a function
of the severity of mitral valve regurgitation (expressed as the
ratio of the retrograde to forward transmitral flow rate over a
cardiac cycle). From the results, the presence of mitral valve
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Table 2: Simulated hemodynamic variables for the BCPA circula-
tion and the TCPC circulation under resting conditions compared
with the measured data.

Glenn (mea.) Glenn
(sim.)

TCPC
(sim.)

m𝑃svc (mmHg) 14.0 ± 2.0 [31]; 10.0 [18] 10.0 8.5
m𝑃ivc (mmHg) 5.4 ± 3.2 [32] 5.3 8.0
m𝑃pa (mmHg) 12.3 ± 3.1 [33]; 9.0 [18] 9.0 7.8
m𝑃la (mmHg) 5.0 [18] 5.0 3.4
m𝑃art (mmHg) 72.0 [18]; 73 ± 10 [32] 72.1 45.6
SV (mL) 20.1∗ 20.1 11.7
EDV (mL) 32.4∗ 32.5 19.4
EF (%) 62 ± 7 [31] 61.9 60.2
m𝑄pul (mL/s) 15.6 [18] 15.7 17.4
CO (mL/s) 31.2 ± 7.2 [31]; 28.9 [18] 30.0 17.4
Notation of hemodynamic variables: m𝑃svc, m𝑃ivc, m𝑃pa, m𝑃la, and m𝑃art
represent themean pressure in the superior vena cava, the inferior vena cava,
the pulmonary artery, the left atrium, and the systemic arteries, respectively;
SV, EDV, and EF refer, respectively, to the stroke volume, the end-diastolic
volume, and ejection fraction of the left ventricle; m𝑄pul denotes the mean
blood flow rate through the pulmonary circulation; andCO is cardiac output.
The data marked with “∗” were derived from CO and EF by assuming a
cardiac duration of 0.67 s.

regurgitation tends to improve pulmonary flow, although
the degree of improvement is fairly limited (within 3%).
Moreover, mitral valve regurgitation attenuates the increase
in venous pressure following the BCPA to TCPC change.

4. Discussion

Many risk factors associated with poor clinical outcomes in
Fontan operation have been identified in clinical studies [6–
11], which typically include high pulmonary vascular resis-
tance, low ventricular ejection fraction, increased ventricular
diastolic stiffness, and atrioventricular valve regurgitation.
These findings have provided valuable information for refin-
ing the management of patients in both the preoperative and
postoperative stages. However, it remains unclear how these
risk factors influence the transient hemodynamic changes
upon the change of a BCPA to a TCPC. The issue has
been addressed in the present study using a computational
method. The major findings of the study include the follow-
ing: (1) the change in transpulmonary flow upon the BCPA
to TCPC change is determined primarily by the pulmonary
vascular resistance, the lower-body arteriolar resistance, and
the diastolic function of the left ventricle, while it is less
affected by the systolic function of the left ventricle andmitral
valve regurgitation and (2) the change in venous pressure is
dependent strongly on the pulmonary vascular resistance and
the diastolic function of the left ventricle.

The importance of a low pulmonary vascular resistance
in improving clinical outcomes in post-TCPC patients has
been well documented [8, 9]. The present study provides
additional evidence to support the fact that the beneficial role
of a low pulmonary vascular resistance is also justifiable at
the moment of BCPA to TCPC change in terms of improving
the transpulmonary flow and restricting an excessive increase

in central venous pressure. Compared to pulmonary vascular
resistance, systemic vascular resistance has been considered
as less important for the regulation of cardiac output in post-
TCPC patients [35, 36]. Our study, however, demonstrates
that the status of the systemic vascular resistance in a BCPA
circulation has a considerable influence on perioperative
hemodynamic changes upon the BCPA to TCPC change.
For example, in the presence of a low lower-body vascular
resistance, a larger perioperative increase in transpulmonary
flow can be expected, which partly justifies the use of
vasodilator drugs in the treatment of single-ventricle patients.

It is interesting to find that diastolic dysfunction of the
left ventricle (herein characterized by increased chamber
stiffness in diastole) and mitral valve regurgitation enhance
the increase in pulmonary flow upon the BCPA to TCPC
change. This finding implies that the BCPA to TCPC change
may not induce a significant reduction in transpulmonary
flow in patients with diastolic dysfunction or mitral valve
regurgitation. On the other hand, when the regulation of
pulmonary flow after the TCPC operation is concerned, both
diastolic dysfunction andmitral valve regurgitation are found
to have a significantly adverse effect (see Figure 7). These
abnormalities hamper a further increase in pulmonary flow
via postoperative compensatory adaptations (e.g., reduction
in venous compliance or increase in blood volume), thereby
leading to poor long-term clinical outcomes as those which
have been confirmed in post-TCPC patients [6–11]. As for
ventricular systolic function, although it has little effect on
perioperative hemodynamic changes in comparison with
diastolic function, it plays a considerable role in regulating
transpulmonary flow after the TCPC operation, especially
under pathological conditions (see Figure 7(a)).

Although the study has provided some new findings to
enrich the current clinical understanding, there are limi-
tations that may influence the clinical application of the
findings. A significant limitation may stem from building
the models based on in vivo data collected from a limited
number of patients. Incorporating in vivo data obtained
from a larger patient group would allow the models to
better capture the typical hemodynamic characteristics in
the patient cohort. On the other hand, the cardiovascular
properties of any single patient may deviate considerably
from the population-averaged trends, implying that a com-
prehensive consideration of the patient-specific cardiovascu-
lar conditions is mandatory for a reasonable patient-specific
prediction of the hemodynamic changes associated with a
surgery. Moreover, under in vivo conditions, both short-term
compensatory regulation and chronic adaptation are likely to
occur after the TCPC operation to maintain arterial pressure
and restore cardiac output [37], which would further com-
plicate the roles played by different cardiovascular properties
in hemodynamic regulation. These mechanisms, however,
have not been incorporated in the present study where the
BCPA circulation is converted to a TCPC circulation simply
by altering the configuration of the vena cava to pulmonary
artery connectionwithout changing the values of othermodel
parameters. As we have mentioned previously, the present
study focuses on investigating the transient hemodynamic
changes upon the BCPA to TCPC change when the effects
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Figure 4: Simulated pressure waveforms in the vena cava and pulmonary arteries for the BCPA circulation (a) and TCPC circulation (b).
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Figure 5: Simulated changes in transpulmonary flow rate (𝑄pul (a)) and venous pressure (𝑃ivc (b)) under various cardiovascular conditions
upon the change of a BCPA into a TCPC. The results are expressed as percentage changes relative to the pre-TCPC values. 𝑅pul: pulmonary
vascular resistance; 𝑅art l: lower-body arteriolar resistance; 𝐸slv: maximum active elastance of the left ventricle in systole; 𝐸dlv: baseline passive
elastance of the left ventricle in diastole.

of cardiovascular regulation or adaptation have not appeared.
Therefore, the findings of the present study should not be
used to interpret the long-term hemodynamic consequence
of the TCPC operation.

5. Conclusions

In the present study, computational models were used to
quantify the effects of various cardiovascular properties
on hemodynamic changes associated with the change of a

BCPA into a TCPC in the Fontan operation. Some new
insights have been obtained, which include the following:
(1) pulmonary vascular resistance and lower-body vascu-
lar resistance are the main determinants of perioperative
hemodynamic changes; (2) ventricular diastolic dysfunction
and mitral valve regurgitation do not deteriorate periop-
erative hemodynamic changes, although they significantly
impair the capability of the cardiovascular system to fur-
ther improve pulmonary flow after the operation; and (3)
ventricular systolic function has little effect on perioperative
hemodynamic changes. These findings may serve as a useful
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Figure 7: Simulated variations in pulmonary flow rate (𝑄pul TCPC) with cardiovascular properties (a) and the severity of mitral valve
regurgitation (b) after the TCPC operation.

theoretical reference for physicians to assess the perioperative
risk of the TCPC operation based on preoperative measure-
ment of cardiovascular function.

Conflict of Interests

There is no conflict of interests in this study from any of the
authors.

Acknowledgment

This work was supported in part by the SJTU Medical Engi-
neering Cross-Cutting Research Project (YG2012MS24).

References

[1] W.M.Gersony, “Fontan operation after 3 decades: what we have
learned,” Circulation, vol. 117, no. 1, pp. 13–15, 2008.

[2] F. Fontan and E. Baudet, “Surgical repair of tricuspid atresia,”
Thorax, vol. 26, no. 3, pp. 240–248, 1971.

[3] S. Giannico, F. Hammad, A. Amodeo et al., “Clinical outcome of
193 extracardiac Fontan patients: the first 15 years,” Journal of the
American College of Cardiology, vol. 47, no. 10, pp. 2065–2073,
2006.

[4] H. Ohuchi, K. Kagisaki, A. Miyazaki et al., “Impact of the evo-
lution of the fontan operation on early and late mortality: a
single-center experience of 405 patients over 3 decades,”Annals
of Thoracic Surgery, vol. 92, no. 4, pp. 1457–1466, 2011.



The Scientific World Journal 9

[5] P. Khairy, S. M. Fernandes, J. E. Mayer Jr. et al., “Long-term
survival, modes of death, and predictors of mortality in patients
with Fontan surgery,”Circulation, vol. 117, no. 1, pp. 85–92, 2008.

[6] N. Yoshimura, M. Yamaguchi, Y. Oshima et al., “Risk factors
influencing early and late mortality after total cavopulmonary
connection,” European Journal of Cardio-Thoracic Surgery, vol.
20, no. 3, pp. 598–602, 2001.

[7] Y. Fujii, S. Sano, Y. Kotani et al., “Midterm to long-termoutcome
of total cavopulmonary connection in high-risk adult candi-
dates,” Annals of Thoracic Surgery, vol. 87, no. 2, pp. 562–570,
2009.

[8] H. Uemura, T. Yagihara, Y. Kawashima et al., “What factors
affect ventricular performance after a Fontan-type operation?”
The Journal of Thoracic and Cardiovascular Surgery, vol. 110, no.
2, pp. 405–415, 1995.

[9] B. Alsoufi, C. Manlhiot, A. Awan et al., “Current outcomes of
the Glenn bidirectional cavopulmonary connection for single
ventricle palliation,” European Journal Cardio-Thoracic Surgery,
vol. 42, no. 1, pp. 42–48, 2012.

[10] W. L. Border, A. U. Syed, E. C. Michelfelder et al., “Impaired
systemic ventricular relaxation affects postoperative short-term
outcome in Fontan patients,” The Journal of Thoracic and
Cardiovascular Surgery, vol. 126, no. 6, pp. 1760–1764, 2003.

[11] C. A. Garofalo, S. E. Cabreriza, T. A. Quinn et al., “Ventricular
diastolic stiffness predicts perioperativemorbidity and duration
of pleural effusions after the fontan operation,” Circulation, vol.
114, supplement 1, pp. I56–I61, 2006.

[12] W. Fu, Z. Gu, X. Meng, B. Chu, and A. Qiao, “Numerical sim-
ulation of hemodynamics in stented internal carotid aneurysm
based on patient-specific model,” Journal of Biomechanics, vol.
43, no. 7, pp. 1337–1342, 2010.

[13] J. R. Cebral, M. A. Castro, J. E. Burgess, R. S. Pergolizzi, M.
J. Sheridan, and C. M. Putman, “Characterization of cerebral
aneurysms for assessing risk of rupture by using patient-specific
computational hemodynamics models,” American Journal of
Neuroradiology, vol. 26, no. 10, pp. 2550–2559, 2005.

[14] Y. Qian, H. Takao, M. Umezu, and Y. Murayama, “Risk analysis
of unruptured aneurysms using computational fluid dynamics
technology: preliminary results,” American Journal of Neurora-
diology, vol. 32, no. 10, pp. 1948–1955, 2011.
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This paper presents an effective optimization method using the Kriging surrogate model combing with modified rectangular
grid sampling to reduce the stent dogboning effect in the expansion process. An infilling sampling criterion named expected
improvement (EI) is used to balance local and global searches in the optimization iteration. Four commonly used finite element
models of stent dilation were used to investigate stent dogboning rate. Thrombosis models of three typical shapes are built to test
the effectiveness of optimization results. Numerical results show that two finite element models dilated by pressure applied inside
the balloon are available, one of which with the artery and plaque can give an optimal stent with better expansion behavior, while
the artery and plaque unincluded model is more efficient and takes a smaller amount of computation.

1. Introduction

Atherosclerosis is one of the most serious forms of cardiovas-
cular disease which is one of the principal causes of mortality.
Currently, three of the most common treatments for a
narrowed or weakened coronary artery disease are coronary
artery bypass grafting, percutaneous transluminal coronary
balloon angioplasty, and percutaneous transluminal coronary
stenting with the aid of coronary balloon angioplasty. Of
these, the coronary stent market increased rapidly because
of their high initial success rate, minimal invasive nature,
and improved long-term effectiveness compared to coronary
artery bypass grafting or coronary balloon angioplasty.When
a stent is used, it is collapsed to a small diameter and put
over a balloon-tipped tube called a catheter.With the balloon
inflating the stent expands, locks in place, and forms a scaffold
to hold the artery open and improve blood flow. Although
stent technology has been greatly improved since its incep-
tion, many problems remain in which related to restenosis
(i.e., the artery that was opened begins to become narrowed
again within months of the procedure). This phenomenon

is related to both arterial injury and inflammatory response
of the wall against the stent struts. Therefore, efforts aiming
at reducing the injury caused by stent implantations remain
very meaningful.

Previous studies indicated that the dogboning phe-
nomenon (i.e., the ends of a stent opening first during expan-
sion), which is due to nonuniform balloon-stent expansion,
has a significant impact on thrombosis and hyperplasia
development [1, 2]. This mechanical injure, that is, caused
by the warped struts in the stent is often thought to induce
an inflammatory response, which results in thrombosis and
affects artery restenosis [3–6]. The effects of balloon length
and compliance on vascular stent expansion were investi-
gated by Cui et al. [7]. It is also believed that the stent
designmay affect stent expansion performance, including the
dogboning phenomenon. Thus, it is important in stenting to
predict and optimize the dogboning effect before manufac-
turing the stent.

There are many published studies that investigated the
mechanical properties of stent expansion. The mechanical
properties of balloon-stent system expansion were simulated
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by the loading of radial displacement applied on inner
surface of balloon [3, 8]. It is a simplified loading which
can reduce the amount of computation but not close to the
real. In addition, a time-related pressure was applied on the
balloon surface to analyze the characteristics of balloon-
stent system dilation [4, 5]. This loading is much close to
the real situation but the interaction between the stent and
the vessel wall was not considered. Moreover, multicontact
including plaque/stent, balloon/stent, and plaque/balloon
was considered and the radial displacement on balloon was
used to dilate the balloon-stent system [6]. Clearly, this FEA
model is more complete, but the loading is still simplified.
Subsequently, the balloon-stent system dilation in narrowed
artery was modeled with the loading mode of a time-related
pressure applied on inner surface of balloon [9]. This FEA
model with the internal pressure loading is much closer to
the real situation, but it takes alot of computing because
of nonlinearities, such as elastoplasticity, large deformation,
and multicontact. In the present paper, the four common
finite elementmodels of stent expansionmentioned above are
used to design optimization for reducing dogboning effect,
respectively.

The dogboning rate is an important index for assess-
ing the quality of stent expansion [10]. It is a nonlinear,
implicit function of the geometrical parameters and inter-
nal pressure loads for the stent, these are typically evalu-
ated by the solution of the finite element method (FEM).
Depending on the fidelity of simulation for stent dilation, it
can become computationally expensive, limiting structural
optimization of the stent. Therefore, it is challenging to
reduce the computational cost of predicting the dogboning
rate during the optimization process. Consequently, some
approximationmodels are widely used during engineering to
construct simplified approximations for the analysis codes,
providing a surrogate model of the original code. In the
present paper, we use Kriging models as alternatives to
traditional second-order polynomial response surfaces for
constructing global approximations for stent optimization.
The Kriging model [11, 12], a semiparametric approach that
does not rely on any specific model structure, is much more
flexible than approaches based on parametric behavioral
models [13].

In terms of stent optimization, the expansion behaviors of
several stents with different given geometries were compared
in terms of dogboning, foreshortening, elastic recoil, and
so forth. [5]. It is easy to perform and analyze the effective
factors, but the obtained “optimal stents” are only better
combinations of geometry parameter levels, not the optimal
solution in the design space. An adaptive optimization
method based on Kriging surrogate model with a “space-
filing” sampling strategy named rectangular grid is here
proposed to minimize the absolute value of dogboning rate
of the stent in expanding process. Kriging surrogate model
can build an approximate function relationship between the
stent dogboning rate and design variables (the geometri-
cal parameters of the stent), replacing the expensive FEM
reanalysis of dogboning rate in the optimization.The adaptive
process is implemented by EI function. It can balance local
and global search and tend to find the global optimal design.

The optimization iterations are based on the surrogate model
for reducing the high computational cost.

2. Materials and Methods

2.1. Finite Element Models. ANSYS finite element package
was used to perform the numerical simulations. A typical
diamond-shaped coronary stent (shown in Figure 1) was
investigated in this study. A balloon with an 11.4mm length
and a 0.12mm thickness was placed inside the stent. Its
outside diameter was equal to the inside diameter of the stent.
The stent was not in contact with the plaque at the beginning
of the dilatation process.Theoutside surface of the plaquewas
adhered to the inner surface of the artery.

Bilinear elastic-plastic, hyperelastic (Mooney-Rivlin) and
linear isotropic (nearly incompressible) materials are here
assumed for the slotted tube stents, balloon, and tissue
(plaque and artery), respectively. All the material properties
inputted are based on the data available from previous studies
[2, 9].

The four FEA models are here constructed. LRD model
(shown in Figure 2(a)) is loaded by a radial displacement
applied on the inner surface of balloon to expand the diam-
eters of stent from 2.54mm to 4.54mm. This is to allow the
stenotic segment to be opened corresponding to the health
artery (diameter 4.54mm in this study). It is discretized
by 11815 elements and 10180 nodes, in which the plaque,
artery, stent, and balloon consist of 500 solid elements, 330
solid elements, 5103 solid elements, and 600 shell elements,
respectively. The contact pairs of balloon/stent, plaque/stent,
and balloon/plaque consist of 5282 contact elements. LPV
model (shown in Figure 2(b)) is the same as LRD model
except the loading method. This model is loaded by a time-
related pressure (shown in Figure 3). It should be noted that
the pressures are varied with different stent geometries. The
binary-search method was used to find the pressures used to
dilate the proximal region of the stents (see Figure 1) to the
nominal diameter (4.54mm in this study) after unloading.
This was done to allow the stenotic segment to be opened
in agreement with a health artery (diameter 4.54mm in this
study) after stent dilation. LPC model (shown in Figure 2(c))
is similar to LPV model except the constant pressure. The
last one is SMPV model which has the same loading method
as LPV model, but artery and plaque were not considered
(shown in Figure 2(d)). It is discretized by 8004 elements
and 8444 nodes, in which the stent and balloon consist of
5103 solid elements and 600 shell elements, respectively. Only
one contact pair of balloon/stent consists of 2301 contact
elements.

The pattern of the transient nonuniform stent expansion
based on the four FEA models is shown in Figure 4. Based
on LPV, LPC, and SMPV model, the radial displacement
in the distal region of the stent is larger than the proximal
displacement at the second instant shown in Figures 4(a) and
4(c). However, the radial displacement in the distal region
of the stent is closed to the proximal displacement since the
third instant is shown in Figures 4(a) and 4(c), corresponding
to the final phase of the expansion and unloading. These
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Figure 1: Stent model and geometric variables (mm). WLS, WTS and WDS are the width of the struts.
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Figure 2: FEMmodels. (a) LRDmodel: loaded by a radial displacement to expand the diameters of stent from 2.54mm to 4.54mm. (b) LPV
model: loaded by a pressure to expand the diameters of stent from 2.54mm to 4.54mm. (c) LPC model: loaded by a constant pressure.
(d) SMPV model: without artery and plaque, loaded by a pressure to expand the diameters of stent from 2.54mm to 4.54mm.

results are compared favorably with those reported in the
literature [10, 14, 15] while based on LRD model; the radial
displacement in the distal region of the stent is almost equal
to the radial displacement in the proximal region of the stent
because of the constant displacement loaded on the inner
surface of balloon (shown in Figure 4(b)).

2.2. Optimization Problem. Generally, the dogboning effect
exists throughout the expanding process. It usually reaches
its maximum in the beginning of loading [16, 17], but the
struts are not in contact with the vessel wall. From 25ms
to 32ms, the stent approaches an approximately cylindrical

shape (corresponded to regime of the third and fourth
instant appeared during the expansion of stent shown in
Figures 4(a) and 4(c)), and the dogboning effect is relatively
small, but stent radial displacement reaches the maximum,
pushing against the artery. The dogboning observed during
this period can cause serious transient mechanical injury to
vessel wall. The dogboning rate of stent is here defined as

Dogboning Rate =
𝑑
distal
radial − 𝑑

proximal
radial

𝑑
proximal
radial

, (1)

where 𝑑
distal
radial and 𝑑

proximal
radial are the distal and proximal radial

displacements of stent, respectively. Because the radial of
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stent reaches its maximum at the ending time of loading
process (i.e., 32ms), moreover, the 𝑑

distal
radial is very large, which

will induce transient mechanical damage to vessel wall, the
optimization problem of the coronary stent for expanding
process can be defined as follows:

Min 𝑓 (x) =



𝑑
distal
radial (x) − 𝑑

proximal
radial (x)

𝑑
proximal
radial (x)



S.t x ≤ x ≤ x,

(2)

where x is a vector of design variables, which consists of the
geometrical parameters such as WDS, WTS, WLS, and 𝑇

in Figure 1, 𝑓(x) is an objective function, and 𝑑
distal
radial(x) and

𝑑
proximal
radial (x) are the distal radial displacement and proximal

radial displacement of stent at the 32ms for LPV, LPC, and
SMPVmodels, while for LPDmodel, they are the distal radial
displacement and proximal radial displacement of stent after
unloading. x and x are lower and upper limits of the design
variables (here 0.22 ≤ WDS ≤ 0.34, 0.22 ≤ WTS ≤ 0.34,
0.2 ≤ WLS ≤ 0.3, 0.1 ≤ 𝑇 ≤ 0.14).

2.3. Kriging Model

2.3.1. Approximation Method. The Kriging model is de-
scribed as a way of modeling a function as a realization of
a stochastic process, so it is named the “stochastic process
model”, which can be written as

𝑦 (x𝑖) = 𝐹 (𝛽, x𝑖) + 𝑧 (x𝑖) = f𝑇 (x𝑖)𝛽 + 𝑧 (x𝑖) (3)

in which x𝑖 = {𝑥
𝑖

1

, 𝑥
𝑖

2

, . . . , 𝑥
𝑖

𝑚

} is the 𝑖th sample point with 𝑚

variables; 𝑦(x𝑖) is an approximate function fitted to 𝑛 sample
points; f(x𝑖) is a linear or nonlinear function of x𝑖; 𝛽 is the
regression coefficient vector to be estimated; and 𝑧(x𝑖) is the
stochastic function, with a mean of zero and a variance 𝜎

2.

The spatial correlation function between stochastic functions
is given by

corr [𝑧 (x𝑖) , 𝑧 (x𝑗)] = 𝑅 (𝜃, x𝑖, x𝑗)

=

𝑚

∐

𝑙=1

exp [−𝜃(𝑥
𝑖

𝑙

− 𝑥
𝑗

𝑙

)
2

] ,

(4)

where 𝑅(𝜃, x𝑖, x𝑗) is the Gaussian correlation function with
𝜃, which characterizes the spatial correlation between two
samples. Parameters can be estimated by maximizing the
likelihood of samples

�̂� =
f𝑇𝑅−1y
f𝑇𝑅−1f

�̂�
2

=

(y − f𝑇�̂�)
𝑇

𝑅
−1

(y − f𝑇�̂�)
𝑛

𝜃 = min {𝜓 (𝜃) ≡ |𝑅|
1/𝑛
𝑠𝜎
2

} ,

(5)

where f = [𝑓
1
, 𝑓
2
, . . . , 𝑓

𝑛
].The estimates �̂� and �̂�

2 can then be
obtained from (5).

2.3.2. Predictor. The function value 𝑦(x∗) at a new point x∗
can be approximately estimated as a linear combination of the
response values of sample Y:

𝑦 (x∗) = c𝑇Y. (6)

Themean squared error (MSE) of this predictor is minimized
with unbiased estimation, which gives

𝑦 (x∗) = f (x∗) �̂� + r(x∗)𝑇𝛾, (7)

where

𝛾 = 𝑅
−1

(Y − F�̂�)

r (x∗) = [𝑅 (𝜃, x
1
, x∗) , . . . 𝑅 (𝜃, x

𝑛
, x∗)] .

(8)

Thus, we can predict the function value 𝑦(x∗) at every new
point x∗ by using (7).

As mentioned above, the Kriging model is an interpo-
lation model, and the Kriging predictor is a predictor that
minimizes the expected squared prediction error subject to
(i) being unbiased and (ii) being a linear function of the
observed response values.

2.3.3. Sampling Strategy. A modified Rectangular Grid
(MRG) approach was used to provide sample points for
building the Kriging model. Defining the range of 𝑚 input
variables as 𝑙

𝑗
≤ 𝑥
𝑗
≤ 𝑢
𝑗
, 𝑗 = 1, . . . , 𝑚, the number of levels

in the 𝑗th dimension is 𝑞
𝑗
. Then, the approach is performed

as follows:

(1) Contract the ranges of the variables as

𝑙
𝑗
≤ 𝑥
𝑗
≤ �̂�
𝑗
, �̂�
𝑗
= 𝑢
𝑗
−

1

2

𝑢
𝑗
− 𝑙
𝑗

𝑞
𝑗
− 1

, 𝑗 = 1, . . . , 𝑚. (9)
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(1) The first instant (time = 0ms)

(2) The second instant (time = 15ms)

(3) The third instant (time = 25ms)

(4) The fourth instant (time = 32ms)

(5) The fifth instant (time = 37ms)

(6) The sixth instant (time = 42ms)

(a) Pattern of the stent expansion for LPV
and LPC models

(1) The first instant

(2) The second instant

(3) The third instant

(4) The fourth instant

(5) The fifth instant

(b) Pattern of the stent expansion for LRD
model

(1) The first instant (time = 0ms)

(2) The second instant (time = 15ms)

(3) The third instant (time = 25ms)

(4) The fourth instant (time = 32ms)

(5) The fifth instant (time = 37ms)

(6) The sixth instant (time = 42ms)

(c) Pattern of the stent expansion for SMPV
model

Figure 4: Pattern of the stent expansion based on the four FEA models.

(2) Perform RG sampling in the contracted space as

𝑥
(𝑖)

𝑗

= 𝑙
𝑗
+ 𝑘
(𝑖)

𝑗

�̂�
𝑗
− 𝑙
𝑗

𝑞
𝑗
− 1

, 𝑘
𝑗
= 0, 1, . . . , 𝑞

𝑗
− 1,

𝑖 = 1, 2, . . . ,

𝑚

∏

𝑗=1

𝑞
𝑗
.

(10)

(3) Add a stochasticmovement to each dimension of each
sample point as

𝛼
𝑖𝑗

2

𝑢
𝑗
− 𝑙
𝑗

𝑞
𝑗
− 1

, (11)

where 𝛼
𝑖𝑗

∈ [0, 1] is from a uniform distribution.
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2.3.4. Expected Improvement (EI). The simplest way for
optimization is to find the minimum of the response surface
which is interpolated through the Kriging method. This way
can easily lead to a local minimum, even if iterations are
performed. Fortunately, an “expected improvement” function
can balance local and global search. This method has been
viewed as an Effective Global Optimization (EGO) [17]. The
“expected improvement (EI)” method computes the extent
of improvement expected to achieve if sampling at a given
point. Before sampling at some point x, the value of 𝑌(x) is
unknown. Thus, 𝑌(x) can be regarded as a random variable
normally distributed with a mean ŷ(x) and variance 𝜎

2 and
given by the Kriging predictor. If the current best function
value is 𝑌min, then we will achieve an improvement of 𝐼 if
𝑌(x) = 𝑌min−𝐼.The likelihood of achieving this improvement
is given by the normal density function

1

√2𝜋𝜎 (x)
exp[−

(𝑌min − 𝐼 − 𝑦 (x))2

2𝜎2 (x)
] . (12)

The expected improvement is simply the expected value of the
improvement found by integrating over the following density:

Ε [𝐼 (x)]

= ∫

𝐼=∞

𝐼=0

𝐼{
1

√2𝜋𝜎 (x)
exp[−

(𝑌min − 𝐼 − 𝑦 (x))2

2𝜎2 (x)
]}𝑑𝐼.

(13)

Using integration by parts, one can show that

Ε [Ι (x)] = 𝜎 (x) [𝑢Φ (𝑢) + 𝜙 (𝑢)] , (14)

where

𝑢 =
𝑌min − 𝑦 (x)

𝜎 (x)
, (15)

and where Φ and 𝜙 are the normal cumulative distribution
and density functions, respectively.

The first term of (14) is the difference between the current
minimum response value 𝑌min and the prediction 𝑦(x) at
x, penalized by the probability of improvement. Hence,
this value is large when 𝑦(x) is small. The second term is
the product of the root mean squared error (RMSE) 𝜎(x)
and the normal density function 𝜙(𝑢). The normal density
function value is large when 𝜎(x) is large and 𝑦(x) is closed
to 𝑌min. Thus, the expected improvement will tend to be
large at a point with a predicted value smaller than 𝑌min
and/or when there is alot of uncertainty associated with the
prediction.

The EI method has the following advantages: it is a
balance between seeking promising areas of the design space
and the uncertainty in the model and can thus allow a small
DOE size; it can avoid searching the areas with large function
values and reduce the computational cost; it can avoid the
addition of somepoints close to each other in the design space
that may lead to instability of the Kriging model.

2.3.5. The Convergence Criterion. The convergence criterion
is here to satisfy

EI (x
𝑘
)

𝑌max − 𝑌min
< 𝜀
1
,


𝑓 (x
𝑘
) − 𝑓 (x

𝑘
)

≤ 𝜀
2
,

(16)

where 𝜀
1
and 𝜀
2
are the convergence tolerances.𝑌max and𝑌min

are the maximal and minimal function values in samples,
respectively. The left-hand side of the equation is a ratio
between the maximal expected improvement and the “active
span” of the responses, which is also referred to as the
maximal “relative EI.” 𝑓(x

𝑘
) is the approximate value of the

objective function obtained by Kriging model in the 𝑘th
iteration. An advantage of this convergence criterion is that
the user can set the “relative” tolerances 𝜀

1
and 𝜀
2
without prior

consideration of the magnitudes of the problem response.

2.4. Optimization Algorithm. Optimization design algorithm
for coronary stent based on Kriging model is described as
follows.

Step 1. Get a set of samples with 𝑛
𝑠
points (each point

corresponding to a group of design variables) using MRG
approach, and run ANSYS program to obtain the objective
function 𝑓(x

𝑖
) for the sample point 𝑖, 𝑖 = 1, . . . , 𝑛

𝑠
. Then,

select a group of the design variables corresponding with
minimum 𝑓(x

𝑖
) as the initial design and set 𝑘 = 1. To be

noticed is that Binary-search method was used to find the
exact pressure to dilate stent at sample point 𝑖, 𝑖 = 1, . . . , 𝑛

𝑠

to nominal diameter for the optimization based on LPV and
SMPV models, respectively.

Step 2. Build an approximate function relationship 𝑓(x)
between the objective function 𝑓(x) and design variables
using Kriging model based on the trial samples obtained.

Step 3. Minimize 𝑓(x) to get a modified design x(𝑘) by
means of Kriging approximate model, then compute the
corresponding 𝑓(x(𝑘)) by ANSYS program.

Step 4. Check convergence: if convergence criteria are satis-
fied, then x∗ = x(𝑘) and stop; else add the modified design
x∗ into the set of samples, and 𝑘 = 𝑘 + 1 go to Step 2. Note
that the initial design will be renewed if the modified design
is better than former initial design.

In this optimization problem, MRG method was used to
get the sampling points.The FEM simulation can be seen as a
black-box, in which a vector x of design variables (i.e., WTS,
WDS, WLS, and T) is input and the corresponding response
𝑓(x) (i.e., the absolute value of the dogboning rate) is output.
Kriging surrogatemodel was used as alternative to traditional
second-order polynomial response surfaces for constructing
a global approximate relationship between the objective
function 𝑓(x) and design vector x based on the trial samples.
After the approximate relationship between the objective
function and design vector was constructed, EI function is
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Figure 5: Test models with three different typical cross-section shapes of plaque. (1) Test 1: arc-shaped. (2) Test 2: bar-shaped. (3) Test 3:
streamline-shaped.

Table 1: Optimization results.

WDS (mm) WTS (mm) WLS (mm) 𝑇 (mm) 𝑃 (MPa) Dogboning rate Reduced by

Original stent 0.28 0.28 0.249 0.12
1.948 (LPV/LPC) 0.1452 (LPV/LPC)

—1.9114 (SMPV) 0.0908 (SMPV)
— 0.0582 (LRD)

Optimal stent (LRD) 0.22 0.34 0.2568 0.1355 — 0.0061 89.52%
Optimal stent (LPV) 0.2367 0.22 0.2 0.1 1.7602 9.71𝑒 − 5 99.93%
Optimal stent (LPC) 0.2483 0.2881 0.2 0.1 1.948 0.0027 98.14%
Optimal stent (SMPV) 0.3262 0.2582 0.2056 0.1 1.7491 9.803𝑒 − 5 99.89%

used to balance local and global search and tends to find
the global optimal design. Sequential quadratic programming
optimization algorithm was employed to implement the
design optimization based onmaxEI and obtain themodified
design vector x

𝑘
. The optimization iteration started from an

initial design (here is a sample corresponding with minimum
𝑓(x) in the trial samples). The procedure of building and
maximizing EI continues until the stopping criterions are
reached, such as the criterion described in Section 2.3.5.
The optimization process stops when the Euclidean norm
between real value 𝑓(x(𝑘)) from FEM simulation and predic-
tive value 𝑓(x(𝑘)) from Kriging predictor falls below a given
tolerance 𝜀

1
, and the Euclidean norm between current and

previous iterates falls below a given tolerance 𝜀
2
.

3. Results and Discussion

The optimization converged after 22, 8, 13, and 12 iterations
based on LRD, LPV, LPC, and SMPVmodel, respectively.The
optimization results are shown in Table 1.

LRD model is loaded by a radial displacement applied
on the inner surface of balloon (shown in Figure 2(a)).
This loading mode is a simplified loading which can reduce
computation consume, but it does not match the real load,

weakening the impact of stent geometries (WDS,WTS,WLS,
and T) on dogboning effect. The optimization process based
on LRDmodel may bemore time-consuming.The numerical
results show that the optimal WDS is smaller than WTS,
which does not meet the manufacturer’s design concept.

LPVmodel can give themost realistic simulation of stent-
balloon system expansion in narrowed artery and the optimal
result is reasonable. But this model contains more elements
and nodes, which will complex the FEA simulation of stent
dilation.

LPC model has a same deployment pressure for all
sampling designs of stent in optimization process, resulting
in the expansion of stent at different degree. The optimal
stent based on this model is expanded to the diameter of
5.8158mm which is far greater than the nominal diameter of
health artery (4.54mm in this study). Thus, the optimal stent
based on this FEMmodel is not available.

SMPV model has the same loading method as LPV
model, but does not contain artery and plaque. The interac-
tion between the vessel wall and the balloon-stent systemwas
not considered. However, SMPVmodel is a simplified model
and the FEM simulation is much simpler.

Three typical plaques (shown in Figure 5) are built for
the testing of optimal stents obtained based on SMPV and
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Figure 6: Dogboning rate for original and optimal stents along with time (mSec) of stent dilation.

Table 2: Test results.

Test model Stent WDS (mm) WTS (mm) WLS (mm) 𝑇 (mm) 𝑃 (MPa) Dogboning rate Reduced by

Test 1
Original stent 0.28 0.28 0.249 0.12 1.948 0.1452 —
Optimal stent based on LPV 0.2367 0.22 0.2 0.1 1.7602 9.71𝑒 − 5 99.93%
Optimal stent based on SMPV 0.3262 0.2582 0.2056 0.1 1.7950 0.0643 55.72%

Test 2
Original stent 0.28 0.28 0.249 0.12 1.9745 0.1856 —
Optimal stent based on LPV 0.2367 0.22 0.2 0.1 1.7868 0.0270 85.45%
Optimal stent based on SMPV 0.3262 0.2582 0.2056 0.1 1.8140 0.0914 50.75%

Test 3
Original stent 0.28 0.28 0.249 0.12 1.9555 0.1617 —
Optimal stent based on LPV 0.2367 0.22 0.2 0.1 1.765 0.0062 96.17%
Optimal stent based on SMPV 0.3262 0.2582 0.2056 0.1 1.7914 0.0492 69.57%
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LPVmodels.The dilations of original stent and optimal stents
based on SMPV and LPV models in three typical stenosed
arteries are respectively simulated to get the dogboning rates
of them. Table 2 shows the results of the test, in which, the
dogboning rates of stent dilation in narrowed arteries of the
three typical plaques are significantly reduced, especially for
the optimal stent based on LPV model.

Based on LPV model, after optimization the dogboning
rates of stent dilation in the three test models are respectively
reduced by 99.93%, 85.45% and 96.17%, while based on
SMPV model, those are respectively reduced by 55.72%,
50.75%, and 69.57%, as shown in Table 2. It is clearly that
LPV model is more suitable for stent optimization based
on FEM model. But LPV model contains more elements
and nodes, which will complex the FEA simulation of stent
dilation. Furthermore, Binary-search method was used to
find the exact pressures to dilate the diameters of stent at
sample points to nominal diameter and this will take a lot
of computation. The optimal stent obtained by using SMPV
model can also decrease the dogboning rates of stent dilation
in narrowed artery with the three typical plaques. It is not as
significantly as that obtained by using LPV model. Because
WDS, WTS, and WLS of the optimal stent based on SMPV
model are larger than those of the optimal stent based on LPV
model, higher deployment pressures are needed to dilate stent
diameters to nominal diameter in stenosed artery. When the
optimal stent obtained from SMPV model is placed inside
stenosed artery, stent dilation will be constrained by the
raised plaque at the proximal parts of stent, so that the distal
parts of stent will open first, which can cause dogboning
effect. This is the reason why the dogboning effect of the
optimal stent based on SMPV model dilation in stenosed
arteries cannot be dismissed. But SMPV model contains
fewer elements and nodes.Therefore, the corresponding FEA
simulation is much simpler.

The time-dogboning rate curves for original and optimal
stents are shown in Figure 6 for the stent expansion process
in three test models. The dogboning effect reaches the
maximumat the prophase of loading stage and is reduced and
remained in an almost constant value after stent expansion
(corresponded to regime of the third and fourth instants,
with the loading time from 25 to 32ms, appeared during the
expansion of the stent shown in Figures 4(a) and 4(c)). The
radial displacement during this period reaches its maximum,
and there is a strong effect of mutual contact between stent
and artery wall. The dogboning observed during this period
can cause serious transient mechanical injury. From the three
test results, it can be seen that both the optimal stents based
on LPV and SMPVmodels observed in the current study can
reduce the dogboning significantly, especially for the optimal
stent based on LPV model.

4. Conclusions

In this paper, the design optimizations based on four com-
mon FEM models of stent expansion are investigated to
reduce the dogboning effect by using an adaptive optimiza-
tion method based on Kriging surrogate model. Plaques of
three typical shapes are built for general testing of optimal

stents. The results show that both LPV model and SMPV
model can be used for stent optimization based on FEM
model. The optimal stents based on both LPV and SMPV
models can decrease dogboning effect significantly, especially
for the optimal stent based on LPV model.
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Although wall shear stress (WSS) has long been considered a critical indicator of intracranial aneurysm rupture, there is still no
definite conclusion as towhether a high or a lowWSS results in aneurysm rupture.The reasonmay be that the effect ofWSSdirection
has not been fully considered. The objectives of this study are to investigate the magnitude of WSS (|WSS|) and its divergence
on the aneurysm surface and to test the significance of both in relation to the aneurysm rupture. Patient-specific computational
fluid dynamics (CFD) was used to compute WSS and wall shear stress divergence (WSSD) on the aneurysm surface for nineteen
patients. Our results revealed that if high |WSS| is stretching aneurysm luminal surface, and the stretching region is concentrated,
the aneurysm is under a high risk of rupture. It seems that, by considering both direction and magnitude of WSS, WSSD may be a
better indicator for the risk estimation of aneurysm rupture (154).

1. Introduction

Rupture of intracranial aneurysm (IA) is a widely studied
topic. It is reported that about 5% of adults have unruptured
IAs [1–3]. Though the rupture rate of IAs is not high
[4], it causes serious consequences including disability and
mortality [5]. On the other hand, current treatments of IAs
also carry a risk. Thus, accurate assessment of IA rupture is
essential for clinicians to balance the risk of surgery against
the risk of natural IAs rupture [6, 7].

Research into risk factor for IAs rupture has been
reported for many years, including the effect of aneurysm
size, geometry, location, and others [8, 9]. Large-sized
aneurysms were considered to be under high risk of rupture.
However, recent studies have shown that many ruptured
aneurysms were small in size [9, 10]. In order to improve
estimations of risk based on medical images, multiple geo-
metric factors were proposed, such as aspect ratio (AR), size
ratio (SR), and other factors.The statistic significance of these
geometric factors to aneurysm rupture has been discussed
in previous publications [11–13]. In addition to performing

image diagnosis, computational fluids dynamics (CFD) tech-
nology is available to analyse hemodynamic characteristics
inside the artery and aneurysm [14]. The magnitude of wall
shear stress (|WSS|) has been proposed as a quantitative
indicator for the flow characterization of ruptured cerebral
aneurysms. Cebral et al. [15] performed CFD for a total of
62 cerebral aneurysms at various locations. They found that
high-speed narrow jet flows were commonly observed in
ruptured cases, which caused high |WSS| at the inlet area
of the aneurysm [15]. Shojima et al. studied twenty middle
carotid artery (MCA) aneurysms. Usually, spatial averaged
|WSS|was higher within ruptured aneurysms than that in the
parent artery. However, they also indicated that |WSS| was
markedly reduced at the top of or within a bleb area of the
ruptured aneurysm [13, 16]. Thus, it is not clear whether high
or low |WSS| induces aneurysm rupture; some argue that high
|WSS| induces aneurysm rupture [17], while others claim that
low |WSS| at aneurysm dome is dangerous [18].

It may be important to note that wall shear stress (WSS)
is a vector. Therefore, WSS must not be considered in terms
of not onlymagnitude but directionality as well. In this paper,
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authors propose a new concept of wall shear stress divergence
(WSSD), which takes into account both the gradient and
direction of WSS and can be used to identify “tensile” and
“compressive” regions on the aneurysm surface. Two risk
factors based onWSSD distribution are also derived in order
to analyse the characteristics of ruptured aneurysms.

2. Materials and Method

2.1. Patients. Nineteen patients with middle sized ICA aneu-
rysms were observed continuously by a three-dimensional
computer tomograph angiograph (3D-CTA). For ruptured-
IAs, the images were obtained during the observation of
5 months on average before the occurrence of rupture,
generally at the time of the patient’s last clinical visit.The three
patients who had subsequent aneurysm rupture (age range,
62–71 years; aneurysm size range, 5.3–7.7mm) are cases 1–3
in this study. The other 16 patients were stable at followup.
Their age range was between 40 and 78 years, with aneurysm
being between 3.0 and 9.0mm in size.

2.2. Wall Shear Stress Divergence. Wall shear stress diver-
gence is expressed as following equation

WSSD = div (
→

WSS) =
𝜕WSS

𝑖

𝜕𝑥
𝑖

, 𝑖 = 1, 2, 3, (1)

where WSS
𝑖
are wall shear stress components in 𝑖 directions.

If WSSD has a positive value, the net effect of WSS is to
stretch the aneurysm surface; otherwise, WSS is compressing
the aneurysm surface.Themagnitude ofWSSD represents the
intensity of stretching or compressing.

2.3. WSSD Based Risk Factors

2.3.1. Wave Centre of Positive WSSD (WSSD+), Negative
WSSD (WSSD−), and |WSS|. As the blood flow slows down
after entering the aneurysm (shown in Figure 1(a)), all
stresses decay to the surroundings in the form of a wave
attenuation. Figure 1(b) shows the wave centre of WSSD+
(red ball), WSSD− (green ball), and |WSS| (yellow ball),
respectively. WSSD+ andWSSD− can be treated as two waves
propagating in different directions. The former is stretching
the aneurysm surface; the latter is compressing the aneurysm
surface. In one cardiac cycle, the net effects of WSSD on
aneurysm volume are counteracting (Figure 1(c)).

If the wave centers of |WSS| and WSSD+ are at close
locations, which is dangerous, because the combination of
WSS and its gradient will result in a potentially dangerous
remodelling of the aneurysm [19]. On the other hand, if the
wave center for both WSSD− and WSSD+ are close to one
another, the two components will compete at their bound-
aries (C region in Figure 1(c)), resulting in a constant shift in
character for the WSS at the boundary, from “stretching” to
“compressive”. This may cause a shift in flow reversal which
may be adverse to the survival of endothelial cells [20]. Thus,
DA and DB and the centre distance of WSSD+ to |WSS|
and WSSD− are introduced to estimate the risk of aneurysm
rupture (Figure 1(c)).

2.3.2. Risk Factor A. Risk factor A (RFA) is given by the
following equation:

RFA =
𝑟effect
DA

𝑟effect

√(𝑥
|WSS|,𝑖 − 𝑥WSSD+ ,𝑖)

2

, 𝑖 = 1, 2, 3, (2)

where 𝑟effect is the effective radius of the aneurysm (Figure
1(b)), which is given by the following equation:

𝑟effect =
3

√
3𝑉

4𝜋
. (3)

𝑉 is the volume of aneurysm. 𝑥
|WSS|,𝑖 and 𝑥WSSD+ ,𝑖 are the

centre of |WSS| and WSSD+, respectively, given by the
following equations:

𝑥
|WSS|,𝑖 =

1

𝑇
∫

𝑇

0

∑
𝑁

𝑗=1

𝑥
𝑖
× |WSS|

𝑗

∑
𝑁

𝑗=1

|WSS|
𝑗

𝑑𝑡, 𝑖 = 1, 2, 3, (4)

𝑥WSSD+ ,𝑖 =
1

𝑇
∫

𝑇

0

∑
𝑁

𝑗=1

𝑥
𝑖
×WSSD+,

𝑗

∑
𝑁

𝑗=1

WSSD+,
𝑗

𝑑𝑡, 𝑖 = 1, 2, 3, (5)

where 𝑇 is the time period of cardiac cyclic, 𝑗 is the indicator
of mesh point, and𝑁 is the total mesh number.

2.3.3. Risk Factor B. Risk factor B (RFB) is given by the
following equation:

RFB =
𝑟effect
DB

𝑟effect

√(𝑥WSSD+ ,𝑖 − 𝑥WSSD− ,𝑖)
2

, 𝑖 = 1, 2, 3, (6)

where 𝑥WSSD− ,𝑖 is the wave center of WSSD−. Similar to (5),
𝑥WSSD− ,𝑖 is given by the following equation:

𝑥WSSD− ,𝑖 =
1

𝑇
∫

𝑇

0

∑
𝑁

𝑗=1

𝑥
𝑖
×WSSD−,

𝑗

∑
𝑁

𝑗=1

WSSD−,
𝑗

𝑑𝑡, 𝑖 = 1, 2, 3. (7)

2.4. CFD Modeling. The conservation equations for 3D
unsteady laminar flow with rigid wall boundary condi-
tions were solved using an open source CFD code (Open-
FOAM, http://www.openfoam.com/). The general form of
the unsteady state equation is represented as

𝜕

𝜕𝑡
(𝜌𝑢
𝑖
) +

𝜕

𝜕𝑥
𝑗
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𝑗
)

= −
𝜕𝑝

𝜕𝑥
𝑖

+
𝜕

𝜕𝑥
𝑗

[𝜇(
𝜕𝑢
𝑖

𝜕𝑥
𝑗

+

𝜕𝑢
𝑗

𝜕𝑥
𝑖

)] + 𝑆
𝑖
,

𝜕𝜌

𝜕𝑡
+

𝜕

𝜕𝑥
𝑗

(𝜌𝑢
𝑗
) = 0,

(8)

where 𝜌 represents the density, 𝑃 is the static pressure, 𝑢
𝑖,𝑗
are

velocity components, and 𝜇 is the dynamic viscosity. Being
a second-order derivative of velocity, WSSD needs a highly
accurate scheme to compute. In this study, a fourth-order
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Figure 1: Inflow and stress centres. (a) Flow pattern. (b) Wave centres of WSSD and |WSS|; red ball: the coordinate center of WSSD+, green
ball: the coordinate center of WSSD−, and yellow ball: the coordinate center of |WSS|. (c) Different actions of WSSD+ and WSSD−.

difference scheme was used to discrete the diffusion term
in (8) (OpenFOAM, http://www.openfoam.com/). Bloodwas
assumed to be aNewtonian fluid with density of 1050 [kg/m3]
and dynamic viscosity of 0.0036 [Pa ⋅ s].

In order to reduce the entrance/exit effect of CFD, the
inlet and outlet of the calculation domain were extended
distally in the normal downstream direction to about 10 cm.
At the inlet boundary, considering that the ICA of those
patients were of similar size, uniform velocity calculated from
the average of ICA flow ratios (measured to be approximately
125mL/min) [21] was introduced as the boundary condition.
A zero pressure condition was used at the outlets. In the post
process, nondimensional analysis was conducted to further
minimize the numerical uncertainties. Grid independent
study was performed in our previous publications [22, 23].
In order to accurately measure WSS at near-wall region,
the body-fitted prism layers were generated near the vessel
walls to improve the resolution of the relevant scales in fluid

motion. There were five layers generated with an average
nodal space, increasing by a ratio of 1.2. The distance from
the first layer to the vessel surface was fixed at 0.02mm.

3. Results

For the ruptured case 1, both |WSS| andWSSD at the systolic
peak (𝑇 = 0.27 s) are shown in Figure 2. The magnitudes
of |WSS| in two locations marked by a circle were close to
each other (about 1.5 Pa). However, the values of WSSD of
both regions were different; in the left panel where WSS
was compressing the aneurysm surface, the WSSD had a
negative value (about −1000 Pa/m), while, in the right panel
where WSS was stretching the aneurysm surface, the WSSD
had a positive value (about 1500 Pa/m). This indicates that
only the magnitude of WSS cannot directly estimate the risk
of aneurysm rupture; the direction of WSS must be also
considered.
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Figure 2: |WSS| and WSSD distributions at the systolic for a ruptured aneurysm.
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Figure 3: Ruptured case (case 1).

Figure 3 shows that the nondimensional distribution of
WSSD and |WSS| for ruptured case 1.WSSD, calculated using
a fourth-order scheme (Figure 3(b)), had a higher spatial
resolution than that obtained by using second-order scheme
(Figure 3(a)). The distances from the wave center of WSSD+
to |WSS| and WSSD− were 0.4mm and 0.6mm, respectively.
For an effective radius of aneurysm of 3mm, (2) and (6) give
the values of RFA and RFB to be 7.5 and 5.0, respectively.

For the same ruptured case, the variation of nondimen-
sional |WSS| and WSSD+ at the nearest surface point to
the |WSS| center is shown in Figure 4(a). At this point the
maximum |WSS| and WSSD+ occur at the same time. As a
result, the stretching effect of WSS reached the maximum.
Figure 4(b) shows that WSSD was observed to change four
times from “stretching” to “compression” during one cardiac
cycle, at the intersection region of WSSD+ and WSSD−.

The computed results of an unruptured aneurysm (case
4) are shown in Figure 5.WSSDcalculated using fourth-order
scheme (Figure 5(b)) again had higher spatial resolution than
that obtained by using second-order scheme (Figure 5(a)).
The distance fromwave centers ofWSSD+ toWSSD− reached
1.5mm. Comparing Figures 5(b) and 5(c), the wave centres
of |WSS| and WSSD+ are separate, with the distance in
between being 1.34mm. For the effective radius of aneurysm
(4.0mm), the calculated RFA and RFB are 2.6 and 1.7,
respectively.

For the same unruptured case, the nondimensional |WSS|
and WSSD+ at the nearest surface point to the |WSS| center
is shown in Figure 6(a). Though the peak of nondimensional
WSS and WSSD+ occurs at the same time, it is seen that
WSSD+ reaches only 50% of its peak value; that is, the
stretching effect does not reach the maximum. Figure 6(b)
shows the results of WSSD at the intersectional region of
WSSD+ and WSSD−. WSS only alternated 2 times between
“stretching” and “compression” in one cardiac cycle.

The comparison of cases 1 and 4 validates our hypothesis
that the value of RFA represents the “stretching” effect, and
the value of RFB represents the directional change of WSS.
Both RFA and RFB for ruptured case 1 are higher than
those for unruptured case 4. Figure 7(a) shows the results
of averaged RFA of ruptured and unruptured groups. For
ruptured aneurysms, RFA reached 6.0 ± 2.3, about 2 times
that of unruptured aneurysms (3.0 ± 1.0). Similarly, the RFB
of ruptured aneurysms was 3.8±1.2, again about 2 times that
of unruptured aneurysms (2.0 ± 1.7) (Figure 7(b)).

4. Discussion

4.1. WSS and Aneurysm Rupture. How WSS results in aneu-
rysm rupture has long been discussed in previous studies. It
is believed that magnitude of wall shear stress |WSS| alone
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Figure 4: WSSD versus time for case 1.
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Figure 5: Unruptured case (case 4).

0.0 0.1 0.2 0.3 0.4 0.5 0.6 0.7
0.00

0.30

0.60

0.90

1.20

0.00

0.30

0.60

0.90

1.20

WSS
WSSD+

T (s)

W
SS

/ |W
SS

m
ax
|

W
SS

D
/|W

SS
D

m
ax
|

(a) WSSD+ and |WSS|

0.0 0.1 0.2 0.3 0.4 0.5 0.6 0.7
−0.50

0.00

0.50

1.00

1 2

T (s)

W
SS

D
/|W

SS
D

m
ax
|

(b) WSSD+ and WSSD−

Figure 6: WSSD versus time for case 4.



6 The Scientific World Journal

0.00

2.00

4.00

6.00

8.00

10.00

Ruptured Unruptured

P < 0.05 n = 19

Ri
sk

 fa
ct

or
 A

(a) Risk factor A

0.00

2.00

4.00

6.00

Ruptured Unruptured

P < 0.05 n = 19

Ri
sk

 fa
ct

or
 B

(b) Risk factor B

Figure 7: Risk factors.

cannot reasonably predict the aneurysm rupture as it does not
include any directional information of WSS and therefore is
not able to identify whether the WSS generated is stretching
or compressing the aneurysm luminal surface. Physiological
studies have likewise shown that the endothelial cells lining
blood vessels are subjected to WSS and responded to both
magnitude and directional changes [8, 24, 25]. In any specific
area, the overall effect of WSS may result in a stretching or
compressive force upon the intimate surface, contributing
to the different responses exhibited by the endothelial cells.
This response may lead to the appearance of self-sustaining
aneurysm remodelling, resulting in further aneurysm growth
and rupture [26].

Oscillatory shear index (OSI) has been proposed to
measure the directional changes of WSS, with high OSI
correlating to aneurysm rupture [9, 27]. It should likewise be
noted that OSI is only able to depict the directional change of
WSS at a point and is not able to indicate whether the force
generated is tensile or compressive. To address this issue, a
gradient oscillatory number (GON) was developed to test the
number of incidences in which the force generated varied
from tensile to compressive at a certain point [28]. However,
for both OSI and GON, the effect of WSS magnitude was
counteracted in calculation. The combination of the high
magnitude of WSS and high wall shear stress gradient
(WSSG) was thus proposed to estimate the remodelling of
vessel walls in response to aneurysm formation. Current
reports have indicated that the intersectional area of high
WSS and high gradients inWSS may represent a “dangerous”
hemodynamic condition for aneurysm formation [19].

Previous research has implied that WSS magnitude alone
cannot fully explain the influence of WSS on the rupture of
aneurysms. WSS magnitude, gradient, and direction must
all be completely and comprehensively examined, in order
to reasonably estimate the risk of aneurysm formation and
rupture.

4.2. What Are the Contributions of WSSD Based Analysis? In
the current study,we proposed a new concept ofWSSD.Com-
pared with |WSS|, WSSD considers the directions of WSS.

Compared with OSI, WSSD can identify the performance of
WSS at WSSD+ region; WSS is stretching while, at WSSD−
region, WSS is compressing the aneurysm luminal surface.
Themagnitude ofWSSD represents the strength of stretching
or compression.

Recent study has shown that the combination of high
|WSS| and high WSSG may result in the aneurysm rupture.
We showed similar results; the combination of high |WSS|
and high WSSD+ may result in the aneurysm rupture. It is
worth to know the difference between WSSG and WSSD+.
The former only represents the gradient of the magnitude
of WSS but does not include WSS directions. The latter is
in the same order of WSSG but can identify that, at the
dangerous location, high |WSS| regions must stretch the
aneurysm luminal surface. At low |WSS| regions, high OSI
points are considered to be dangerous for aneurysm rupture,
as WSS changes its directions at those points [29]. In this
study, we further identity that if the directional change of
WSS results in the alternation of a specific area between
“tensile” (WSSD+) to “compressive” (WSSD−), it ismore likely
to be dangerous. In one word, WSSD based analysis further
highlights the dangerous factors.

4.3. The Limitation of the Current Study. One of the limi-
tations of this study is the small number of ruptured cases
examined. We should highlight that the aneurysm cases
were obtained from long-termpatient follow-up observations
conducted in the clinic.The ruptured aneurysmswere strictly
selected from images taken prior to rupture (not after rupture
for most other studies). The selected patients were all of
similar ages, all being female, nonsmokers with no family
history of aneurysm rupture. The aneurysms were located
at the same loci (ICA) and exhibited similar sizes. We
are moreover keeping a record of all patient data and will
continually introduce new cases into future research.

5. Conclusion

A new concept of WSSD was proposed in this paper, which
considers bothWSSmagnitude and effective directions in the
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prediction of aneurysm rupture. Based on WSSD, two risk
factors RFA and RFB are derived, which can be calculated
through the use of CFD with a high-order scheme. Our
results revealed that aneurysms with high values of RFA and
RFB are under high risk of rupture.
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The ankle-brachial index (ABI), defined as the ratio of systolic pressure in the ankle arteries and that in the brachial artery, was a
useful noninvasive method to detect arterial stenoses.There had been a lot of researches about clinical regularities of ABI; however,
mechanism studies were less addressed. For the purpose of a better understanding of the correlation between vascular stenoses
and ABI, a computational model for simulating blood pressure and flow propagation in various arterial stenosis circumstances was
developed with a detailed compartmental description of the heart andmain arteries. Particular attention was paid to the analysis of
effects of vascular stenoses in different large-sized arteries on ABI in theory. Moreover, the variation of ABI during the increase of
the stenosis severity was also studied. Results showed that stenoses in lower limb arteries, as well as, brachial artery, caused different
variations of blood pressure in ankle and brachial arteries, resulting in a significant change of ABI. Furthermore, the variation of
ABI became faster when the severity of the stenosis increased, validating that ABI was more sensitive to severe stenoses than to
mild/moderate ones. All these in findings revealed the reason why ABI was an effective index for detecting stenoses, especially in
lower limb arteries.

1. Introduction

The partial occlusion of arteries due to stenotic obstruction is
one of the most frequent cardiovascular diseases in human
beings. The vascular stenosis frequently affects the blood
pressure and flow of large and middle-sized arteries. Math-
ematical models based on one-dimensional flow equations
are usually used to study the hemodynamic mechanism for
the effects of vascular stenoses on cardiovascular system.
Young et al. [1–3] developed finite element models including
nonlinearities arising from geometry andmaterial properties
to analyze the characteristics of blood flow and pressure
decrease caused by an arterial stenosis. Garcia et al. [4] and
Singh and Shah [5] analyzed the decreases of instantaneous
maximal transvalvular pressure in aortic stenosis using
numerical models. Pralhad and Schultz [6] and Feng et al. [7]
studied influences on blood cellular constituents and related
blood diseases on molecular level. Models used in those
studies were mostly applied to the analysis of hemodynamic

effects of stenoses on blood pressure decreases or flow char-
acteristics. However, few studies focused on the related
detective indexes of the vascular stenosis, such as the ankle-
brachial index (ABI).

ABI, defined as the ratio of systolic pressure in the ankle
arteries (the posterior tibial artery in this model) and systolic
pressure in the brachial artery (Figure 1), was an impor-
tant noninvasive measurement for the detection of arterial
obstructive disease, especially for the lower extremity arterial
stenosis [8–10]. The American College of Cardiology (ACC)
and the American Heart Association (AHA) proposed to
grade ABI into four levels [8], as shown in the diagram below.
ACC/AHA had recommended the evaluation standards of
normal ABI to be 0.91∼1.30, and also a cutoff of 0.90 to define
a lowABI value.TheABI value greater than 1.30 indicated that
the vascular was uncompressible, suggesting that vascular
calcification might have occurred. The ABI was generally
unreliable for stenoses detection in such situations. The ABI
value that ranged from 0.41 to 0.90 predicted the presence of
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Interpretation of ABI

Right brachial 
systolic pressure

Left brachial 
systolic pressure

Right ankle 
systolic pressure

Left ankle 
systolic pressurePTPT

DPDP

ABI =
Ankle systolic pressure

Brachial systolic pressure

>1.30: uncompressible
0.91∼1.29: normal

<0.41: severe peripheral
arterial diseases

0.41∼0.90: mild-to-moderate
peripheral arterial

diseases

Figure 1: Measurement of the ankle-brachial index (ABI). DP
indicates dorsalis pedis artery; PT, posterior tibial artery.

mild-to-moderate stenoses. Severe stenoses were diagnosed
with the ABI value less than 0.41 in clinical data.

A lot of efforts have been made in the last decade to dis-
cuss the effectiveness and specificity of ABI in detecting arte-
rial stenoses with clinical data. These researches have
acquired a great number of insights into the sensitivity and
specificity of ABI to diagnose peripheral arterial stenoses.
Decrinis et al. [11] and Carter [12] found the sensitivity of
ABI to be 94% and the specificity to be 100% by carrying
out measurements in 146 limbs with angiographically doc-
umented arterial occlusive disease (AOD) and in 85 limbs
without AOD. This strongly proved the validity of ABI in
detecting arterial stenoses in lower extremity. Furthermore,
many statistic studies were made to compare the sensitivity
and the effectiveness of ABI in detecting arterial stenoses
with different severities [13–15]. All experimental data agree
to the point that the ABI measurement is a reliable noninva-
sive diagnostic method in assessing lower extremity arterial
stenoses, which is alternative to conventional digital substrac-
tion angiography (DSA). The ABI value shows a decreasing
tendency with increasing severity of the stenoses in patients
with peripheral arterial stenotic diseases. However, these
findings are just clinical regularities, lacking the mechanism
study to interpret these situations.

The present study is thus performed to develop a com-
putational multibranch model of the entire cardiovascular
system including typical arterial units of lower/upper limb.
The model is used to investigate the correlation between ABI
and the stenosis in theory. The influences of stenoses located
in different sites of the cardiovascular system on ABI are
discussed in this paper, as well as the variation tendency of
ABI value caused by the stenosis with the increasing severity.

2. Methods

A lumped parametermultibranchmodel with l7 arterial units
was developed to simulate the pulse wave propagation of
the cardiovascular system. Construction of the model was
implemented based on a phenomenological characterization
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Figure 2: The electric analog circuit model of the entire cardiovas-
cular system. Each component is comprised of a compliance variable
C, a resistance 𝑅, and an inductance L (1: aorta (a); 2: thoracic
and abdominal aortae (l); 3/7: left/right femoral artery (afl/afr); 4/8:
left/right popliteal artery (apl/apr); 5/9: left/right posterior tibial
artery (atl/atr); 6/10: other left/right lower limb arteries (all/alr);
11/14: left/right brachial artery (abl/abr); 12/15: left/right radial
artery (arl/arr); 13/16: left/right ulnar arteries (aul/aur); 17: carotid
artery (ac); 18/19: left/right lower limb capillaries (alpl/alpr); 20/21:
left/right upper limb capillaries (aupl/aupr); 22: brain (acp); 23/24:
left/right lower limb veins (vll/vlr); 25/26: left/right upper limb
veins (vul/vur); 27: jugular veins (vc); 28: system vena (ve); 29: Clv
represents the compliance of the left ventricular). The effects of
inertia for veins are not considered in this model.

of hemodynamics using an electrical analog method. It was
assumed that human body was completely symmetric and
that the cardiovascular system could be represented by a
lumped parameter model. Another assumption was that the
blood was a Newtonian fluid and that the dispersed arterial
networks could be modeled using linear circuit elements [19,
20]. Blood pressure P (mmHg) corresponded to voltage, and
flow rateQ (mL/s) was analogous to the current. Compliance
of the artery played the role of capacitancesC (mL/mmHg).R
(mmHg⋅s/mL) and L (mmHg⋅s2/mL) represented impedance
and inertia of the blood flow, respectively [20–22]. Based
on the above assumptions, the cardiovascular system was
depicted by the electrical circuit shown in Figure 2.

2.1. Model of the Heart. An elastic model was defined to
predict blood pressure of the left ventricular given as follows:

𝑃lv (𝑡) = 𝐸lv (𝑡) ∗ (𝑉lv − 𝑉𝑑) + 𝑃th, (1)

where 𝑉lv (mL) is the stressed ventricular volume and 𝑉
𝑑

(mL) is a constant which is referred to as the ventricular
volume at zero diastolic pressure. 𝑃th (mmHg) stands for the
intrapleural pressure. 𝐸lv (mmHg/mL) represents the time-
varying elasticity of the left ventricular.

Elastance-based model of the ventricles had been widely
adopted since firstly proposed by Suga et al. in the 1970s
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Table 1: Physiologic geometry data of main arteries in the model.

No. Arterial unit Length
l (cm)

Radius
r (cm)

Thickness
h (cm)

Elasticity
E (∗106 dyne/cm)

1 Brachial artery 23.5 0.2575 0.0525 4
2 Radial artery 23.4 0.1600 0.0430 8
3 Ulnar artery 23.7 0.1970 0.0470 8
4 Femoral artery 35.4 0.2400 0.0500 5
5 Popliteal artery 18.8 0.2000 0.0485 6
6 Posterior tibial artery 32.2 0.1800 0.0450 16

7 Anterior tibial artery 1 2.5 0.1300 0.0390 16
Anterior tibial artery 2 30.0 0.1000 0.0200 16

8 Peroneal artery 31.8 0.1300 0.0290 16
9 Thoracic aorta 15.6 0.9830 0.1173 4
10 Abdominal aorta 15.9 0.6700 0.0893 4

Table 2: Values of the parameters used in the heart model and the cardiac valve model [16–18].

No. Parameter Value Unit
1 Cled (end-diastolic compliance of the left ventricle) 10 mL/mmHg
2 Cles (end-systolic compliance of the left ventricle) 0.4 mL/mmHg
3 𝑃th (intrapleural pressure) −4 mmHg
4 𝑉

𝑑

(ventricular volume at zero diastolic pressure) 10 mL
5 𝑅mv,open (resistance value of the open mitral valve) 0.014 mmHg⋅s/mL
6 𝑅av,open (resistance value of the open aortic valve) 0.006 mmHg⋅s/mL
7 T (cardiac cycle ) 0.8 s

[23, 24]. In this study, the idealized time evolution of the
elastance function was used as follow [20]:

𝐸lv (𝑡) =

{{{{{{{{{{{{{{{{{{{{{{{{{{{{{{

{{{{{{{{{{{{{{{{{{{{{{{{{{{{{{

{

1

2
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,

(2)

where the subscript 𝑖 refers to the 𝑖th cardiac cycle. Cles
and Cled are values of end-systolic compliance and end-
diastolic compliance, respectively. Furthermore, 𝑇

𝑠
and 𝑇

𝑟

respectively, stand for the systolic timeperiod and the time for

isovolumetric relaxation, which are functions of the cardiac
cycle T (s):

𝑇
𝑠
= 0.3√𝑇, 𝑇

𝑟
=
𝑇
𝑠

2
= 0.3

√𝑇

2
. (3)

Values of the parameters used in the heart model men-
tioned above (Cled, Cles, 𝑉𝑑, 𝑃th and 𝑇) are listed in Table 2.

2.2. Model of the Cardiac Valves. Cardiac valves played an
important role in the cardiovascular system to ensure the
blood flowing in the correct direction. A time-varying resis-
tancemodel was developed to simulate the effect of the valves,
which controlled the blood flow into (the mitral valve) and
out of (the aortic valve) the left ventricle and it was described
as [16, 25]:

𝑅mv = min (𝑅mv,open + exp (−2 (𝑃ve − 𝑃lv)), 20) ,

𝑅av = min (𝑅av,open + exp (−2 (𝑃lv − 𝑃a)), 20) ,
(4)

where 𝑃lv, 𝑃ve, and 𝑃a stand for the blood pressure of the
left ventricle, the system vena, and aorta, respectively.
𝑅mv,open/𝑅av,open represents the baseline resistance value (seen
in Table 2) when the mitral/aortic valve is opened. Accord-
ingly, a small resistance is defined to depict the “open” valve,
and a several orders larger resistance is used to simulate the
“closed” valve.
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2.3. Model of the Blood Vessel. In this model, an electrical
circuit composed of linear electric elements was used to
depict the cardiovascular system. For each of the arterial and
venous units, the electric circuit model of the vascular was
simulated as in Figure 3.

Differential equations were obtained by formulating the
mass and momentum conservations, as follows:

𝑑𝑃
𝑜

𝑑𝑡
=
𝑄
𝑖
− 𝑄
𝑜

𝐶
,

𝑑𝑄
𝑖

𝑑𝑡
=
𝑃
𝑖
− 𝑃
𝑜
− 𝑄
𝑖
∗ 𝑅

𝐿
,

(5)

where 𝑄
𝑖
and 𝑄

𝑜
are inflow and outflow of the related vessel,

respectively. Similarly, 𝑃
𝑖
and 𝑃
𝑜
are blood pressure upstream

and downstream of the related vessel, respectively.
Blocked blood vessels with various stenosis severities

were simulated in order to account for the correlation
between vascular stenoses and ABI. The stenosis severity 𝛼
was defined as the percentage reduction in cross-sectional
area of the related vessel [26] as follows:

𝛼 = (1 −
𝐴
𝑠

𝐴
0

) × 100%, (6)

where𝐴
𝑠
and𝐴

0
refer to cross-sectional areas of the stenotic

and normal vessel segments.

2.4. Solution of the Model. The governing differential equa-
tions of the model were solved with the fourth-order Runge-
Kutta algorithm. Simulations started from early systole when
the ventricles began to contract. The cardiac cycle was set
to be 0.8 s, and physiological conditions were fixed for all
of the simulations. The geometrical parameters of the 17
arterial units were prescribed based on the data reported in
[27, 28] (Table 1). Values of the resistance (R), capacitance (C),
and inductance (L) for each artery were calculated using (7)
[27, 29] based on the geometrical data as follows:

𝑅 =
8𝜇𝑙

𝜋𝑟4
, 𝐶 =

3𝜋𝑙𝑟
3

2Eh
, 𝐿 =

9𝜌𝑙

4𝜋𝑟2
, (7)

where l, r and ℎ represent the length, radius and thickness
of the vessel, respectively; E is the elastic parameter of the
vascular; 𝜌 is the blood density; ] is the viscosity of the blood.
The values of 𝜌 and ] are set as 1.06 g/mL and 0.004 Pa⋅s
respectively, in this study.

2.5. Sensitivity Analysis of the Model. To better understand
the stability of the parameters in the model, the sensitivity
of the model output vectors on each of the parameters was
analyzed. Basic methods for differential equation analysis
[30, 31] were used to obtain the sensitivity equations of our
cardiovascular systemmodel. Following the algorithm devel-
oped by Ellwein et al. [16], the relative sensitivity 𝑆

𝑖,𝑗
of the

output vector 𝑦
𝑖
to the parameter 𝛽

𝑗
was defined by

𝑆
𝑖,𝑗
=
𝜕𝑦
𝑖

𝜕𝛽
𝑗

𝛽
𝑗

𝑦
𝑖

|
𝛽=𝛽
0

, 𝛽
𝑗
, 𝑦
𝑖
̸=0, (8)
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Figure 3: Electric circuit analog of the blood vessel segment. Flow
through the model is defined by Q (mL/s). Pressures related to each
compartment are marked by P (mmHg). Resistors are denoted by R
(mmHg⋅s/mL), while capacitors and inductances are denoted by C
(mL/mmHg) and L (mmHg⋅s2/mL), respectively.

where 𝑦
𝑖
denotes the output vectors of the models, and here

it refers to 𝑃abl/𝑃abr, 𝑃arl/𝑃arr, 𝑃afl/𝑃afr, and 𝑃atl/𝑃atr (blood
pressure of left/right brachial, radial, femoral, and posterior
tibial artery, resp.) which could be detected noninvasively;
𝛽
𝑗
denotes all the parameters in the model (resistances,

capacitances and inductances);𝛽
0
denotes the nominal values

for the parameters. All of the variables are assumed to be
continuous. Thus, 𝑆

𝑖,𝑗
could be expressed as a function of

time.
Based on the above computations, an averaged relative

sensitivity 𝑆
𝑖
was used to get the total sensitivity to the 𝑗th

parameter 𝛽
𝑗
in the following form [16, 32]:

𝑆
𝑖
=
1

𝑁

𝑁

∑

𝑗=1


𝑆
𝑖,𝑗


. (9)

3. Results

3.1. Validation of the Model. Blood pressure pulses at several
typical sites of the cardiovascular system in normal cases were
shown in Figure 4. On the whole, the pressure waveforms
obtained by the model were similar to the vivo data reported
by Sun et al. [33], Reymond [34], and Blanco et al. [35].
The pressure magnitudes and time-constants involved were
reasonable, thus verifying that the results obtained by the
simulation model were consistent with human physiological
conditions.

To assess the sensitivity of the parameters, the indice
𝑆 could be ranked into four classes as shown in Table 3
[32, 36].The computational result showed that sensitivities of
parameters in our model were mostly in grades I and II; only
two parameters (𝑅mv,open and 𝑅av,open) were in grade III; thus,
validated that ourmodel was stable to simulate the pulse wave
propagation in the cardiovascular system.

3.2. Sensitivity and Effectiveness of ABI. The computational
model was applied further to study the influences on ABI of
arterial stenoses located in femoral artery (no. 3), popliteal
artery (no. 4), posterior tibial artery (no. 5), brachial artery
(no. 11), radial artery (no. 12), and ulnar artery (no. 13),
respectively. Moreover, the variation of ABI during the
increase of the stenosis severity was also studied.
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Figure 4: Blood pressure waveforms of the cardiovascular system in a single cardiac cycle.

Table 3: Sensitivity classes.

Class Index Sensitivity
I 0.00 ≤ |𝑆| < 0.05 Small to negligible
II 0.05 ≤ |𝑆| < 0.20 Medium
III 0.20 ≤ |𝑆| < 1.00 High
IV |𝑆| ≥ 1.00 Very high

3.2.1. Correlation between ABI and Stenosis Locations. This
model was used to study influences on ABI of stenoses
located in different arteries. The simulation result (Figure 5)
showed that ABI was capable to diagnose arterial stenoses
in lower extremity arteries (femoral artery, popliteal artery,
and posterior tibial artery). However, there were limitations
to detect arterial stenoses in upper limb, other than brachial

artery whose blood pressure directly affected ankle-brachial
index calculations. It was difficult for ABI to detect radial
and ulnar arterial stenoses for the reason that the relative
decreases of brachial and posterior tibial systolic pressure
were unconspicuous, as shown in Figure 6, which directly
affected the result for ABI calculation in such vascular
stenosis circumstances.

3.2.2. Tendency of ABI with Arterial Stenosis of Increasing
Severity. As ABI was effective to detect arterial stenoses
of lower extremity limb arteries as well as brachial artery,
assessment of the tendency of ABI with arterial stenoses
of different severities was studied. The arterial stenosis was
graded into three levels in clinical data: mild stenosis (1%∼
29%), moderate stenosis (30%∼69%), and severe stenosis
(70%∼99%). As Figure 7 showed, the decrease/increase of
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Figure 5: ABI for the normal case and for the stenosis cases with
severities of 70% at 6 arteries, respectively. FA (femoral artery), PA
(popliteal artery), PtA (posterior tibial artery), BA (brachial artery),
RA (radial artery), and UA (ulnar artery) denote the locations of
the stenoses. The dotted lines represent the evaluation standards of
normal ABI (0.91∼1.30) proposed by ACC/AHA. Vascular stenoses
may have occurred if the value of ABI exceeds this range.

ABI became larger when severity of stenoses was located
in lower/upper limb artery changing from mild to severe.
This was because systolic blood pressures in brachial artery
changed more dramatically than those in posterior tibial
artery in various arterial stenoses circumstances as shown in
Figure 8. That was to say, ABI was more sensitive to severe
stenoses than to mild/moderate stenoses located in all of
the four arteries, both the lower extremity arteries (femoral
artery, popliteal artery and posterior tibial artery) and the
upper limb artery (brachial artery).

4. Discussion

In the complex cardiovascular system, the hemodynamic
influences of an arterial stenosis were closely related to the
whole system. It was of great significance to detect arte-
rial stenoses effectively and noninvasively for both the clinical
diagnosis and the medical research. ABI, as a useful and a
noninvasive detection method in clinical data, was proved
to be effective and reliable in diagnosing arterial stenoses,
especially for lower extremity arterial stenoses. Therefore, it
was important to investigate themechanism of ABI in detect-
ing stenoses located in different sites of the cardiovascular
system with various severities. Liang et al. [26] proposed
that ABI was only effective for the stenosis present in the
artery located in series with the ankle artery but parallel with
the brachial artery. However, their research was based on
study of stenoses located in aortic valvular, thoracic aorta,
abdominal aorta, and so forth, without more analysis of
stenoses located just in upper or lower limb arteries. There
was little specific research about the distinction between
diagnoses of stenoses located in lower limb arteries and in
upper ones using ABI. The present study improved their
study by constructing a computational multibranch model of
the entire cardiovascular system clearly with several typical
independent arterial units of upper and lower limbs.

Simulation results for the stenoses in six arteries showed
that the ability of ABI to diagnose arterial stenoses depended
strongly on the location where the stenosis occurred. ABI,
as an index for assessing vascular stenoses, was effective for
stenoses in lower extremity arteries (femoral artery, popliteal
artery, and posterior tibial artery) and also brachial artery.
However, the value of ABI was not able to predict stenoses
of other upper limb arteries, such as radial and ulnar arterial
stenoses. This was because the relative decreases of brachial
and posterior tibial systolic pressure were unconspicuous
(Figure 6), which directly affected the result for ABI cal-
culation. It should be noted that there were limitations for
ABI to predict brachial stenoses. The value of ABI could be
more than 1.30, the upper bound of ABI, under the condition
of severe brachial stenoses. Other imaging examination
methods should be supplemented for the confirmation of
brachial stenosis.

Our study also evidenced that the sensitivity and the
effectiveness of ABI were higher to severe stenoses than to
mild/moderate ones.This was because the changes of systolic
blood pressures in brachial artery and posterior tibial artery
that resulted from stenoses located in various lower limb
arteries were different. Taking femoral arterial stenoses and
popliteal arterial stenosis, for example (Figure 8), which did
not affect the ABI calculation directly, the systolic blood
pressure of posterior tibial artery was more sensitive than
that of brachial artery to lower limb stenoses. Blood pressure
of the posterior tibial artery changed more greatly when the
stenosis severity increased from mild to severe. Accordingly,
the variation of the ABI value became dramatical when it
was calculated using the systolic blood pressure of posterior
tibial artery divided by the systolic blood pressure of brachial
artery. Therefore, the ABI, as a valid stenosis indicator,
was more sensitive and effective to severe stenoses than to
mild/moderate ones.The results were somehow supported by
the clinical experimental data collected by Xu [15].

The present study was based on simulations for the
cardiovascular system of a healthy adult without heart disease
or other arterial diseases. However, the reality would be
much more complicated by the idea that some changes of
hemodynamic factors associated with a single stenosis in
the study could be also caused by the presence of multiple
arterial stenoses or other cardiac diseases. Furthermore, the
variations of blood pressure might be underestimated, since
the compensatory responses of the physiologic system to arte-
rial stenoses were not considered. These limitations pointed
to our future research, but they did not challenge the funda-
mental conclusions about the sensitivity and the effectiveness
of ABI in detecting a single stenosis.

5. Conclusion

A lumped parameter multibranch model of the cardiovas-
cular system including 17 arterial units based on first-order
differential equations has been developed in this study. This
computational model has explicitly accounted for the pulse
wave propagation in the arterial system. Furthermore, the
model includes a physiological description of dynamics as a
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Figure 6: Comparison of the arterial blood pressure between the normal case and the cases with 70% radial stenosis and 70% ulnar stenosis
respectively. (a) Posterior tibial blood pressure; (b) brachial blood pressure.
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Figure 8: Blood pressure in a single cardiac cycle of posterior tibial artery and brachial artery with stenosis severities increasing from 0% to
70%. (a), (b): Stenoses located in femoral artery; (c), (d) Stenoses located in popliteal artery.

response to hemodynamic pressure changes caused by vas-
cular stenoses and clearly depicts typical characteristic chan-
ges of the blood pressures. In clinical data, ABI is a useful, reli-
able and noninvasive method in detecting arterial stenoses,
especially in diagnosing stenoses in lower extremity arteries.
The model is thus applied to study the correlation between
the stenosis and ABI.

Results show a strong location-dependence of ABI in pre-
dicting the stenosis. Stenoses located in the four arteries (fem-
oral artery, popliteal artery, posterior tibial artery, and bra-
chial artery) would cause significant variations of blood
pressure in brachial and posterior tibial arteries, thus made
ABI effective in diagnosing stenoses in these arteries. The
main accomplishment of this study provides a theoretical

basis for clinical diagnosis. It is also validated that ABI is
more sensitive to severe stenoses than tomild/moderate ones,
which is supported by the clinical experience of ABI diag-
nosis. The main accomplishment of this study has revealed
the reason for why ABI acts as an effective index for arte-
rial stenoses detection, providing the theoretical basis for
optimizing the application of ABI.
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