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Considerations for Numerical
Modeling of the Pulmonary
Circulation—A Review
With a Focus on Pulmonary
Hypertension
Both in academic research and in clinical settings, virtual simulation of the cardiovascu-
lar system can be used to rapidly assess complex multivariable interactions between
blood vessels, blood flow, and the heart. Moreover, metrics that can only be predicted
with computational simulations (e.g., mechanical wall stress, oscillatory shear index,
etc.) can be used to assess disease progression, for presurgical planning, and for inter-
ventional outcomes. Because the pulmonary vasculature is susceptible to a wide range of
pathologies that directly impact and are affected by the hemodynamics (e.g., pulmonary
hypertension), the ability to develop numerical models of pulmonary blood flow can be
invaluable to the clinical scientist. Pulmonary hypertension is a devastating disease that
can directly benefit from computational hemodynamics when used for diagnosis and basic
research. In the present work, we provide a clinical overview of pulmonary hypertension
with a focus on the hemodynamics, current treatments, and their limitations. Even with a
rich history in computational modeling of the human circulation, hemodynamics in the
pulmonary vasculature remains largely unexplored. Thus, we review the tasks involved in
developing a computational model of pulmonary blood flow, namely vasculature recon-
struction, meshing, and boundary conditions. We also address how inconsistencies
between models can result in drastically different flow solutions and suggest avenues for
future research opportunities. In its current state, the interpretation of this modeling
technology can be subjective in a research environment and impractical for clinical
practice. Therefore, considerations must be taken into account to make modeling reliable
and reproducible in a laboratory setting and amenable to the vascular clinic. Finally, we
discuss relevant existing models and how they have been used to gain insight into
cardiopulmonary physiology and pathology. [DOI: 10.1115/1.4024141]

1 Introduction

Computational hemodynamics is evolving to become a power-
ful tool for gaining insight into cardiovascular disease progression
with applications to treatment [1] and surgical planning [2,3]. In
many cases, computational modeling can provide essential met-
rics of blood flow that are otherwise immeasurable [4]. Recent
advancements allow researchers to simulate multiple physiologi-
cal systems, which are coupled and would be nearly impossible to
recreate experimentally. This review focuses on computational
hemodynamics of the pulmonary vasculature as it relates to the
need for and clinical application of patient-specific pulmonary
hemodynamics, the considerations required for successfully carry-
ing out simulations, and an examination of the relevant literature.

1.1 Hemodynamics of Pulmonary Arterial Hypertension.
In pulmonary hypertension (PH), elevated resistance in the distal
vasculature contributes to higher than normal pressure in the main
pulmonary artery [5]. This initiates a vicious cycle in which the
pulmonary vascular system perpetuates the progression of disease
in an effort to restore homeostasis, ultimately causing an elevated
ventricular load that leads to right ventricular hypotrophy and dys-
function (Fig. 1). Computational fluid dynamics (CFD) and fluid
structure interaction (FSI) can be used to identify continuum flow

and solid metrics that overwhelmingly contribute to right ventric-
ular afterload and are a potential target for corrective intervention.

The arterial wall primarily consists of endothelial cells (ECs),
smooth muscle cells (SMCs), and fibroblasts. These cells are sur-
rounded, and structurally supported, by an extracellular matrix of
collagen and elastin, which are engaged at different distensibility
levels [6]. ECs respond to shear stress by releasing chemical
messengers (nitric oxide and endothelin-1) to neighboring SMCs,
thereby activating vasodilation and/or vasoconstriction in an effort
to maintain physiological arterial pressure [7,8]. The walls of
veins do not contain SMCs and, therefore, do not contribute
directly to the pulmonary response to elevated blood pressure. For
this reason, research and clinical efforts are focused primarily on
the effects of the arterial circulation. Shear stress and the ensuing
shear stress gradients arising from the local flow dynamics [9] and
cyclic strain have both shown to impact EC morphology and alter
gene expression [8,10,11], revealing the clinical relevance of
these continuum metrics. Areas of nonphysiological shear stress
and cyclic strain could develop intimal hyperplasia through dis-
rupted apoptosis [12]. PH patients have been documented as hav-
ing an impaired endothelium [13]. Identifying regional stress
variations could explain and possibly predict endothelial response
and remodeling.

The progression of PH is self-sustained in the normal physio-
logical response of vascular tissue to increased pulmonary arterial
pressure. A prolonged increase in luminal pressure and radius
causes a decrease in vessel wall thickness, thereby increasing cir-
cumferential and axial wall stress. Normal long-term vascular
response is to reduce this wall stress through adjustments to wall
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compliance and thickness via remodeling [14,15], which engages
a destructive cycle that results in an increased load on the right
ventricle (RV) (see Fig. 1). Vascular compliance, decreasing in
response to arterial remodeling, directly leads to increased RV
afterload [16] and ventricle–vascular decoupling [17]. Moreover,
a decrease in upstream compliance results in higher pulse pres-
sures and altered flow dynamics in the distal vessels [18].

1.2 Clinical Management of Pulmonary Arterial
Hypertension. The pulmonary vascular anatomy consists of the
main pulmonary artery, which originates in the right ventricle,
and bifurcates into the left and right pulmonary arteries. The arte-
rial tree continues for approximately 15 generations until reaching
the capillaries [19,20]. The pulmonary arterial system is complex
compared with the systemic vasculature consisting of trifurcations
and irregular branching sequences [19]. The peak systolic and
mean physiological pressures in the pulmonary artery are
18–25 mmHg and 12–16 mmHg, respectively [21].

1.2.1 Classification and Therapies. The classification of pul-
monary hypertension has undergone a number of changes since
the first classification was proposed in 1973. Only two categories,
primary pulmonary hypertension (PPH) and secondary PH were
originally recognized [22]. The Evian classification, which
attempted to create categories of PH that shared common clinical
and pathological characteristics, was proposed 25 years later [23].
This classification had a broader scope and included five different
categories. Investigators were subsequently able to conduct
clinical trials using well-defined groups of patients leading to the
development and approval of eight different medications to
treat PAH [24]. At the Third World Symposium on PAH held in
Venice, five years after the Evian conference, the term PPH was
abandoned in favor of idiopathic pulmonary hypertension (IPAH);
familial PAH if a family history of PAH was present; or associ-
ated PAH if another cause such as human immunodeficiency virus
(HIV) or connective tissue disease was implicated. Pulmonary
veno-occlusive disease (PVOD) and pulmonary capillary
hemangiomatosis (PCH) were also consolidated into a single sub-
category of PAH [24].

The current PH classification and the one most commonly used,
was provided in 2008 at the Fourth World Symposium on PH in
Dana Point, California. The World Health Organization (WHO)
classifies pulmonary arterial hypertension into five key WHO
groups.

WHO Group I PH (pulmonary arterial hypertension—PAH) is
diagnosed by the demonstration of pulmonary hypertension in the
absence of chronic thromboembolic disease, pulmonary venous
hypertension due to elevated left atrial pressure, hypoxemia,
parenchymal lung disease, and systemic diseases such as progres-
sive systemic sclerosis that have been associated with PAH [25].
Specifically, clinically available hemodynamic values obtained
from right heart catheterization (RHC) suggest the onset of PAH
at a resting mean pulmonary artery pressure (mPAP)� 25 mmHg,
with a pulmonary capillary wedge pressure� 15 mmHg, and
pulmonary vascular resistance (PVR) >3 Wood units [26]. PAH
is a diagnosis of exclusion and is made only when the etiology of
PH is deemed not to be secondary to any of the other four WHO
Groups. PH-specific therapies are designed for, and are useful
only in, this specific WHO group.

PH-specific therapies have traditionally focused on agents
intended to promote pulmonary arterial/arteriolar vasodilation
despite the fact that acute vasoreactivity is only present in <10%
of these patients [27]. Vasodilator testing with short-acting agents
such as adenosine, intravenous (IV) epoprostenol, or inhaled nitric
oxide (NO) is recommended for all patients with newly diagnosed
PAH. The aim is to identify patients with pulmonary vasoreactiv-
ity, defined as a reduction in mPAP of at least 10 mmHg to an
absolute mPAP less than approximately 40 mmHg, with either no
change or an increase in cardiac output [26]. Compared to nonres-
ponders, patients with pulmonary vasoreactivity showed signifi-
cant reduction in PVR and mPAP, as well as markedly improved
survival (90% at five years) when treated with calcium channel
blockers (CCB), albeit at much higher doses than are traditionally
used to treat systemic hypertension [28].

Apart from CCBs, 3 three classes of PH-specific agents are cur-
rently being used: prostanoids, phosphodiesterase 5 (PDE-5)
inhibitors, and endothelin-1 receptor antagonists (ERAs). Prosta-
noids have been the cornerstone of therapy for PAH for at least
two decades. It aids in replenishing prostacyclin I2 that is

Fig. 1 Outline of disease progression in chronic pulmonary hypertension. The
white boxes refer to effects on the pulmonary arterial vasculature (vessel wall
thickness, vessel wall stiffness, arterial pressure). The orange box refers to effects
on the right ventricle. Note: EC 5 endothelial cells; SMC 5 smooth muscle cells;
RV 5 right ventricle; Q 5 flow; rz 5 longitudinal stress; rh 5 circumferential stress;
sw 5 wall shear stress; eNO 5 endothelial nitric oxide; ET-1 5 endothelin-1.
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depleted in PAH due to a deficiency of prostacyclin synthase.
Epoprostenol (continuous intravenous), treprostinil (continuous
subcutaneous, continuous intravenous, intermittent inhaled), and
iloprost (intermittent inhaled) are the three approved medications
in this category. Although they all improve symptoms, hemody-
namics, and quality of life, only epoprostenol has been shown to
improve survival [29]. PDE-5 inhibitors (sildenafil and tadalafil)
are used to inhibit the hydrolysis of cyclic guanylyl monophoshate
(GMP), mitigating the derangements of this pathway that lead to a
reduction in nitric oxide synthase in PAH. It is proven to be an
effective treatment for PAH leading to improved hemodynamics
and increased six-minute walk distance but does not decrease the
time to clinical worsening [30]. Endothelin-1 is a potent vasocon-
strictor and smooth muscle mitogen that contributes to the patho-
genesis of PAH. Two endothelin receptor antagonists, bosentan
and ambrisentan, are commercially available for the treatment of
PAH [31]. Although these agents were developed based on dem-
onstrated abnormalities in the relevant pathophysiologic pathways
and are prescribed with the rationale of promoting vasodilation,
an emerging body of evidence supports the hypothesis that they
also have significant antiproliferative properties that contribute to
their efficacy [32]. The choice of initial therapy is based on clini-
cal assessment with additional therapies being used according to
clinical and hemodynamic response, as well as side effect profiles.
Many patients are placed on combination therapy to maximize the
additive effects of different classes.

1.2.2 Assessment of Pulmonary Hemodynamics. The response
to therapy is currently gauged by reassessment of pulmonary
hemodynamics (mPAP, PVR, cardiac output (CO)), symptoms,
exercise performance (most commonly measured with a six-
minute walk), right ventricular function as assessed by echocardi-
ography, and mortality [33]. Recently risk prediction models like
the REVEAL risk score [34] (Registry to Evaluate Early and
Long-Term Pulmonary Arterial Hypertension Disease Manage-
ment) in the U.S. and the Scottish Composite Score (SCS) [35] in
the U.K. have also been employed in clinical decision making, as
tools to assess disease severity and aid in prognostication.

Despite advances in understanding the disease pathophysiology
and great strides in developing PH-specific therapies, the general
impact on survival has been limited [36–38]. From a clinical per-
spective, current screening and diagnostic paradigms inherently
dictate that a patient is suspected to be at high risk, symptomatic,
or that gross anomaly be identified on physical exam or imaging
before the diagnosis of PAH is entertained. This is universal
regardless of the field of medicine in which one may practice.
Accentuation of the pulmonic component of the second heart
sound, left parasternal lift, a fourth heart sound, and/or an
increased jugular “a” wave [39] would prompt an astute clinician
to consider the diagnosis of PAH. Prominent central pulmonary
vascular markings or right ventricular enlargement as well as
peripherally attenuated vascular markings on chest X-ray or a
dilated main pulmonary artery on computed tomography (CT)
would be equally concerning to the radiologist [33,39]. Elevated
pulmonary artery systolic pressure on a transthoracic echocardio-
gram or an RHC or right ventricular systolic dysfunction by any
imaging modality would also indicate to a physician the need to
investigate further for PAH. No validated screening tool currently
exists to detect the disease in its pre symptomatic or subclinical
phase. This might partially explain the poor prognosis of the dis-
ease since many patients would have already had significant
remodeling of the pulmonary arteries and some measure of RV
dysfunction at diagnosis using conventional metrics [39].

Computational fluid dynamics and the ability to estimate hemo-
dynamic continuum metrics (e.g., spatially averaged wall shear
stress) of blood flow in the pulmonary arteries might prove to be
a better screening tool for PAH [40]. Metrics available from
computational analysis could also prove useful to study disease
progression, for posttreatment assessment, and for surgical
planning. As increased pulmonary vascular resistance is a major

contributor to PAH, wall shear stress should increase with
increased remodeling of the pulmonary vasculature and might be
detected prior to significant measureable increases in PA pres-
sures. The use of CFD to noninvasively assess the severity of PH
and gauge response to PH-specific treatments would significantly
revolutionize clinical practice in this field.

The current metrics being used to assess disease progression are
invasive, expensive, or riddled with uncertainties. Right heart cathe-
terization, transthoracic echocardiogram, and the six-minute walk
test (6MWT) are the tools most widely used to gauge disease pro-
gression and response to treatment. RHC remains the gold standard
for diagnosis of PAH. Improvements in hemodynamic parameters
have been linked to response to treatment and increased survival.
However, measurements of pulmonary hemodynamics must also be
interpreted with a fair degree of caution since even during short-term
continuous monitoring, catheter measured PAP can vary signifi-
cantly in the absence of interventions [41]. Brief follow up measure-
ments at intervals of months to years risk superimposing spurious
and spontaneous variation (as well as temporary effects such as
hydration status, sedation, and anxiety) on changes in the patient
caused by disease progression or response to therapy [42]. Measure-
ment inaccuracies can be compounded by errors in technique, such
as failing to confirm the wedge position with wedged blood satura-
tion (leading to imprecise pulmonary capillary wedge pressure
(PCWP), relying on thermodilution cardiac output in the setting of
tricuspid regurgitation (TR) or intracardiac shunts, studying the
patient during volume expansion or dehydration [42], or not account-
ing for high tidal volumes or peak end expiratory pressures (PEEP)
if the patient is on a mechanical ventilator. Furthermore, RHC is an
invasive method with the ingrained risks of causing infection, bleed-
ing complications, iatrogenic arrhythmias, transient complete heart
block (in the setting of a preexisting left bundle branch block), jugu-
lar vein thrombosis, carotid artery injury, and pulmonary hemor-
rhage. Evidence exists that it might increase morbidity and mortality
[43]. Noninvasive methods are, therefore, better suited for close
observation of disease progression and treatment response.

Transthoracic echocardiography is a useful noninvasive tool
for hemodynamic measurements. Its utility in PH includes
assessing the peak systolic PA pressures and assessing RV func-
tion/dysfunction, which results from chronically elevated RV
afterload. Doppler echocardiography is used to measure pressure
gradients between chambers of the heart and quantify blood flow.
Yock and Popp described the method to estimate RV systolic
pressure and, thus, systolic PA pressure by measuring the velocity
of tricuspid regurgitation (TRv) [44]. The peak velocity of TR
(TRv) is dependent on the pressure difference between the RV
and the right atrium (RA) during systole. This velocity is then
used to calculate the pressure difference with a simplified form of
the Bernoulli equation: PRV � PRA ¼ 4 TRvð Þ2. RA pressure is
determined using a standardized approach and then added to the
pressure gradient, providing an estimate of RV systolic pressure
[45]. While this modality has obvious strengths like ease of per-
formance and reproducibility, there is potential for underestimat-
ing systolic PA pressure because of variation in the angle of
Doppler interrogation and/or because of the presence of severe
TR [46]. In general, use of TRv to estimate SPAP (systolic pulmo-
nary arterial pressure) often leads to underestimation compared
with systolic PA pressure as determined by RHC [47]. In fact, in
very advanced PH with severe RV systolic dysfunction the RA
pressure is severely elevated and TRv may be negligible. Using
the method described above would result in a falsely decreased
SPAP and gross underestimation of disease severity.

Since right ventricle ejection fraction (RVEF) cannot be accu-
rately obtained from echocardiographic measurements of RV vol-
ume, due to the complex RV geometry, several surrogate markers
of RVEF have been developed and are used to gauge PH and RV
disease progression. RV fractional area change (RV-FAC), the
relative difference between end diastolic and end systolic RV area
as seen in an apical four-chamber view does not require geometric
assumptions and correlates well with RVEF. However, inadequate
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image quality frequently results in high intra- and interobserver
variability [48]. In many instances the entire dilated RV cannot be
fully focused in the echocardiographic field of view, making this
technique impossible to perform.

Tricuspid annular plane systolic excursion (TAPSE) is a
method based on the characteristic displacement of the tricuspid
valve during systole. It is measured noninvasively by M-mode or
2D echocardiography and has excellent correlation with RVEF in
various types of PH. However, TAPSE can also be reduced in
patients with left ventricle (LV) dysfunction, thus decreasing the
specificity of this method. Some authors contend that TAPSE is
not reliable in detecting early RV systolic dysfunction [49,50].
RV strain and strain rate, measured either by tissue Doppler or
speckle tracking echocardiography, show strong correlation with
RV failure and may be preferable to TAPSE in some conditions.
RV strain, strain rate, and RV regional transverse motion can also
be assessed using cardiac magnetic resonance imaging (MRI) tis-
sue tagging techniques. However, strain-imaging techniques by
both methods are not yet widely employed.

The role of computed tomography (CT) imaging in PH has thus
far been limited to measuring the diameter of the proximal PA,
investigating the characteristics of the lung parenchyma to assess for
interstitial fibrosis or emphysema, and evaluating the presence and
burden of pulmonary emboli in chronic thromboembolic pulmonary
hypertension (CTEPH). It is a routine test performed on every
patient being investigated for PH. The possibility of using these
images to evaluate PA geometry, noninvasively assess pulmonary
hemodynamics by CFD, and validate the ensuing novel metrics to
diagnose PH and clinically follow its progression would greatly
enhance the physician’s armamentarium in combating this disease.

2 Patient-Specific Computational Hemodynamics

Depending on the flow information required, hemodynamics in
the pulmonary vascular system can be simulated in one or three
dimensions. One-dimensional analysis can incorporate patient-
specific anatomical metrics (e.g., conduit cross-sectional areas)
and can accurately reveal general physiological flow conditions at
any generation [51–55]. These simulations are computationally
inexpensive and are easily coupled to the distal vasculature
[51,56]. Three-dimensional flow simulations will reveal
more details about regional flow dynamics but are more computa-
tionally expensive and require substantially more pre- and-post-
processing. The majority of this review will focus on 3D
modeling unless otherwise specified.

The framework for conducting 3D patient-specific computa-
tional hemodynamic simulations begins with reconstructing the
computational domain from thoracic computed tomography (CT)
or magnetic resonance (MR) images [57]. A complex network
of blood vessels must be segmented to a specific generation
along the arterial tree (termed in this work as the generation of
segmentation), usually limited by the image resolution. The vir-
tual computational domain must undergo a series of preprocessing
steps, which includes eliminating nonanatomical surface anoma-
lies and adding inlet and outlet extensions. Finally, the geometry
is divided into subdomains (meshing) to numerically solve the
continuity (Eq. (1)) and momentum (Eq. (2)) equations, where
v
* ¼ uîþ vĵþ wk̂ is the velocity vector, p is the pressure, [s] is the
deviatoric stress tensor, and q is the blood density.

r � v* ¼ 0 (1)

q
@v
*

@t
þ v

* � r
� �

v
*

 !
¼ �rpþr � s½ � (2)

The intrinsic properties of blood are generally assumed to be
Newtonian in large vessels, e.g., in Eq. (3), where l is the
dynamic viscosity and D½ � ¼ ð1=2Þ½ðrv

*Þ þ ðrv
*ÞT � is the rate-of-

deformation tensor. This assumption is valid for flow in large
arteries [58] and without stagnation points [59].

s½ � ¼ 2l D½ � (3)

In small vessels, it is advantageous to incorporate a non-Newtonian
constitutive equation for blood [60]. Any constitutive model that
attempts to capture the behavior of whole blood must consider its
basic rheological characteristics. At low values of shear rate (less
than 100 s�1), blood has a yield stress (sy) and is slightly shear thin-
ning [61]. At higher values of shear rate (greater than 100 s�1),
blood is essentially Newtonian. Neglecting shear thinning behavior,
yield stress effects can be characterized using the Bingham plastic
model (Eq. (4)), where IID ¼ ð1=2Þ ½ tr D½ �ð Þ2� tr½D�ð Þ2� is the sec-
ond invariant of the rate-of-deformation tensor.

s½ � ¼ sy

jIIDj1=2
þ l

" #
2 D½ � (4)

If the impacts of shear thinning effects are considered important,
the Herschel–Bulkley (H-B) model (Eq. (5)) can be used in
regions of low shear rate. However, this model should not be
applied to account for flow scenarios where the range shear rate is
both below and above 100 s�1. In Eq. (5), m is the consistency
index (P sn�1) and n is the shear thinning index. In cases where
n¼ 1, the H-B model simplifies to Eq. (4), and m¼ l.

s½ � ¼ sy

jIIDj1=2
þmjIIDj

n�1
2

" #
2 D½ � (5)

The Carreau–Yasuda model (Eq. (6)) does not include a yield
stress, but it is advantageous in that it is capable of capturing the
Newtonian plateau in high shear ranges [62]. In Eq. (6), g0, g1, k,
and a (¼ 2 for the Carreau model) are the zero-shear viscosity,
Newtonian viscosity plateau, time constant, and a dimensionless
parameter for the transition regions, respectively.

s½ � ¼ g1 þ g0 � g1ð Þ 1þ kjIIDj
1
2

� �a� �n�1
a

� �
2 D½ � (6)

All of the aforementioned models convey a general sense of
blood’s rheological characteristics, but none of them establish a
clear structure–function relationship. The Casson model [63]
(Eq. (7)) fits well with empirical data and can be written as a func-
tion of blood hematocrit (Ht)

s½ � ¼ D½ �ffiffiffiffi
II
p

D

C1 Htð Þ þ C2 Htð Þ
ffiffiffiffiffiffiffiffiffiffiffiffiffi
2
ffiffiffiffi
II
p

D

q� �2

(7)

To simulate 3D patient-specific flow conditions for clinical
applications, the procedure illustrated in Fig. 2 would have to be
implemented for every available image dataset. Moreover; in
addition to pre- and postprocessing, computational time can be a
limiting factor for routine clinical use.

2.1 Image Segmentation. Patient-specific clinical images
that reveal the structure of the vasculature can be obtained using
volumetric CT or MRI without a contrast agent, although
contrast-enhanced images are often preferred whenever available
for better reconstruction accuracy [57]. Vessel tree segmentation
is the process by which pixels in the image are labeled as part
of the connected vascular network, distinct from the lung
parenchyma or surrounding anatomical features (heart, chest wall,
diaphragm, pulmonary tumors, etc.). Vessel tree labeling is then
the process of traversing the segmented tree to identify and char-
acterize the tree hierarchy and morphological features such as
individual branch length, vessel radius, vessel tortuosity, and
total vascular volume. Both the segmentation and labeling are lim-
ited by the quality and resolution of the initial volumetric scan.
Often scans are obtained with a relatively large slice thickness.
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A typical diagnostic scan produces image voxel dimensions of
1� 1� 3 mm. Large voxel sizes relative to the size of the vessels
of interest, especially in the direction of image acquisition, can
lead to the artificial appearance of vessel discontinuities, and ves-
sels smaller than the largest voxel dimension are typically unde-
tectable due to partial volume effects. Historically, manual
segmentation of the vascular tree is considered the gold standard,
but this is time consuming and labor intensive, making clinical
implementation impractical.

A successful segmentation method must reconstruct key ana-
tomical structures and for most applications separate the arterial
system from the venous system. Automatic segmentation of the
pulmonary vascular tree requires first the segmentation of the lung
cavity from the chest wall, mediastinum, and diaphragm. Simple

thresholding and morphological operations work well in this task
for most normal lungs, however, many patients present with large
tumors, edema, and fibrosis create apparent connections between
pulmonary vascular structures and the surrounding anatomical
structures. This can be overcome with additional processing
steps to separate the right and left hemilungs, followed by either
automatic or semiautomatic snake-based separation of pulmonary
lesions attached to the chest wall, as demonstrated with tumor-
laden lungs by O’Dell [64]. Many existing partially or fully auto-
mated methods can rapidly reconstruct the vascular tree to a large
number of generations [65–69], but most are susceptible to dis-
continuity artifacts present in the volumetric scans and are unable
to reveal both distal and proximal vasculature (see Fig. 3). For
successful CFD analysis, additional means are required to

Fig. 2 Procedure for conducting patient-specific computational modeling of pulmonary vasculature. (a) Start-
ing with a thoracic CT scan of the patient, (b) a 3D solid model of the pulmonary vasculature is reconstructed.
(c) The model outlets are truncated normal to the centerline and fixed to outlet extensions measuring 10 times
the outlet diameter in length. (d) A volume mesh is applied to the entire solid model, which is imported into a
numerical CFD/FSI simulation. Note: CFD 5 computational fluid dynamics; FSI 5 fluid-structure interaction.

Fig. 3 Resulting arterial trees, reconstructed using different automated and manual techniques from in vivo
human volumetric CT scans. Different degrees of fine structure reconstruction are due, in part, to differences in
image resolution: [65]-Buelow (voxel dimensions not given); [66] Shikata (0.6 3 0.6 3 1.3 mm); [67] Kaftan
(0.6 3 0.6 3 0.6 mm); [68] Dongen (submillimeter, isotropic, but not specified); [69] Ebrahimdoost
(0.66 3 0.66 3 1.0 mm); [70] Burrowes (0.68 3 0.68 3 1.4 mm).
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estimate or interpolate the segmentation results into a more realis-
tic, continuous, and smooth vascular tree structure. Burrowes
et al. [70] employed a novel technique for reconstructing a contin-
uous 3D model of the pulmonary vasculature to the terminal bron-
chioles (Fig. 3). All reconstructed arteries assume circular cross
sections based on the Strahler diameter ratios [71] and are repre-
sented as 1D finite elements in 3D space. The reconstruction even
implemented an algorithm to introduce supernumerary vessels,
which are typically ignored in CFD analysis because they are not
perfused under normal physiological conditions [60]. Finally, due
to the complexity of the resulting vascular networks and the
requirement for manual preprocessing (discussed in Sec. 2.3), the
available techniques are not yet suitable for directly implementing
3D CFD analysis in a clinical setting. The Burrowes et al. tech-
nique can be solved as a reconstructed patient-specific 3D domain.
Nevertheless, it should be noted that this technique is not fully
automatic, but if incorporated with other segmentation strategies
such as those referenced above [65–69], it holds promise for rapid
patient-specific pulmonary vasculature regeneration.

None of the previously mentioned automated segmentation
techniques were validated against direct monitoring of the pulmo-
nary arterial inlet and outflow cross-sectional areas. This is essen-
tial to assess the feasibility of implementing these procedures as
computational domains for CFD/FSI simulations. The inlet-to-
outlet-area ratio, IO¼ (Ainlet=

P
AoutletÞ, is a general metric that is

associated with whether the flow will accelerate or decelerate
within the computational domain. Segmenting the pulmonary vas-
culature as a preprocessing step to computational simulations
presents some key questions that must be addressed. Figure 4
depicts the results of manual segmentation with focus on a branch

scenario in which the image resolution prevents the full recon-
struction of a bifurcating vessel. This poses a practical problem
because neglecting these types of anomalies could significantly
reduce the outflow cross-sectional area and does not replicate the
actual patient-specific vasculature. On the other hand, truncating
the vessels at locations where image contrast allows for utmost
certainty would reduce the computational domain to only a few
generations. More research must be done to determine the impact
of truncating or neglecting parts of the vascular tree on the hemo-
dynamics. Two simulations analyzing the same patient, but trun-
cated at different levels, should arrive at the same fluid flow
dynamics within a common region.

For 3D flow analysis, current semiautomatic segmentation
methods appear to be the most practical option. Semiautomatic
segmentation of the pulmonary vasculature can be done with
commercial software (Mimics, Materialise, Belgium). Initially,
thresholding is used to identify all vasculature within the Digital
Imaging and Communications in Medicine (DICOM) image
sequence. After thresholding, artery isolation can be accomplished
using region growing algorithms and recognizing that arterial ves-
sels are always accompanied by airways [70]. An iterative process
of region growing and multiple slice editing can be used to impose
a “mask” over the arterial vasculature.

Figure 5 shows the outcome of CFD simulations of the same
vasculature manually segmented using Mimics by two individuals
(models A and B), with matching inflow and outflow boundary
conditions. While both geometries clearly share anatomical
attributes in parts of the domain, it is evident that the level and
meticulous nature of segmentation drastically influences the flow
dynamics, especially considering that these simulations were car-
ried out using a zero traction outflow boundary condition. Note
that the stresses were bounded between 0 and 50 dyn/cm2 for com-
parison. Without consistency in the segmentation protocol, two
techniques could arrive at essentially different morphologies with
drastically different IO, which would inevitably result in a differ-
ent flow dynamic. Overcoming this limitation is essential and
should likely encompass a two-part approach: (1) consistency in
image acquisition, processing (e.g., contrast enhancement), and
thresholding and (2) boundary conditions adjusted to account for
the IO. The simulations suggest that boundary conditions may
have to be scaled according to IO to establish consistent flow pat-
terns within the same vasculature. Other options are to develop
improved automated methods to segment parts of the proximal
vasculature while continuously verifying that IO is within
the physiological norm with each generation. Therefore, patient-
specific simulations of the pulmonary vasculature must be inde-
pendent of the segmentation protocol; otherwise the simulations
remain subjective and unreliable for clinical applications.

Fig. 4 Vasculature generated by manual segmentation using
Mimics. Magnification: example segmentation fault requiring
manual intervention. Circled parts show branches that could
not be fully segmented due to inadequate image resolution.

Fig. 5 Wall shear stress distribution of patient-specific pulmonary vasculature, at two levels of
segmentation (A and B). The hemodynamics are dependent on the number of tree generations
that are segmented and the inlet-to-outlet cross-sectional area ratio. Both simulations are car-
ried out with a zero traction outflow boundary condition. The segmentation with a greater total
outlet cross-sectional area (B) develops lower pressure at the inlet and lower velocities in the
terminal vessels (not indicated in figure).
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2.2 Meshing. The computational domain must be divided
into a finite number of elements to discretize and solve the
equations of motion [72,73]. The mesh must resolve the complex
geometry of the pulmonary vasculature and be dense enough to
expose the physiological flow dynamics. Anatomical computa-
tional domains can be discretized using tetrahedral [74] or some-
times hybrid [75] meshes. Hexahedral meshes might not be
practical for the pulmonary vasculature as they can lead to large
or small aspect ratios in geometries with abundant bifurcations
[76]. These elements are normally small at the surface to capture
the fluid boundary layer but grow in size as they get closer to the
fluid core. Multiple layers of prism elements can be extruded from
the polygonal mesh for capturing the boundary layer, but we have
found that a transition to the neighboring tetrahedral elements will
often negatively impact element quality.

Grid independence is necessary for any numerical solution as it
implies that the system of governing equations has been satisfied.
Grid independence studies must be tailored to the flow character-
istics of interest. Convergence of velocity and pressure at selected
locations within the model, with decreasing grid spacing, has been
commonly employed [18,77]. Nevertheless, flow characteristics
such as velocity and pressure will reach grid independence before
wall shear stress (WSS) and wall shear stress gradients (WSSG)
[74]. The WSS continuum metric can be tested for grid independ-
ence by conducting constant flow rate simulations with sequen-
tially increasing mesh density. After visually identifying a region
of high spatial WSSG, a hypothetical line is drawn around the cir-
cumference of the vessel. The L2-norm of the WSS magnitude
along the hypothetical line is considered to be a quantitative repre-
sentation of the mesh density. Simulations of varying mesh den-
sities can be compared against a conservative, exceptionally dense

mesh that is assumed to yield the true solution. Figure 6(a) shows
a hypothetical line superimposed onto the pulmonary WSS map
and a plot of the WSS along its normalized axis. Figure 6(b)
shows a mesh convergence study for a typical pulmonary vascula-
ture solved using a finite volume method. The error of the
L2-norm of the WSS falls below 10% at a tetrahedral mesh den-
sity of approximately 7.5� 106 elements, which corresponds to a
maximum edge length of 0.84 mm.

2.3 Preprocessing. The final computational domain
developed from segmented thoracic images must be equipped
with outlet and inlet extensions to ensure a fully developed flow
condition and to avoid transferring numerical error into the pul-
monary vessels, respectively [78]. At the inlet, a fully developed
flow condition can be imposed (as described in Sec. 2.4), but it is
still recommended that it be implemented sufficiently far from the
inlet [72,79]. This may seem redundant, but no analytical profile
shape will truly represent the physiological flow condition. Any
outflow boundary condition, regardless of the physical principle
used to develop it, is an approximation inherently flawed when
compared to the true physiological flow at that level of vessel
truncation. Each mesh element is strongly coupled to its neighbors
during the governing equation discretization; therefore, outflow
boundary conditions should be imposed downstream from the
computational domain to minimize the introduction of nonphysio-
logical flows into the domain [72,80,81]. In computational models
that contain many outlets, the process of imposing outlet exten-
sions should be done automatically to ensure feasibility of the
modeling technique in a clinical setting. Algorithms are required
to identify an outlet automatically and apply an extended mesh at

Fig. 6 (a) Region of analysis for the mesh independence convergence study. (b) Mesh
independence convergence data for pulmonary vasculature obtained with a commercial solver,
Fluent (ANSYS), using steady state inlet plug flow with zero traction outflow boundary
conditions. The graph depicts the residual error in the estimated wall shear stress (WSS) as a
function of the number of elements in the mesh used for calculation.
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the boundary. Because of the anatomical complexity of the pul-
monary vasculature in a pathological condition, these algorithms
will also need to identify and account for intersecting vessel
geometries. The success of such an automated algorithm will
undoubtedly depend on centerline extraction of the segmented
geometry [76,82]. Even manually truncating the outlets of the
polygonal surface requires centerline extraction to ensure that the
extension is parallel to the flow, which can be done using open
source (e.g., VMTK) or commercial software (e.g., Mimics).
Techniques have been introduced for automatically identifying,
truncating, and extending outlets [76], but attempts by our group
to implement them to a complex pulmonary vascular tree have
proven unsuccessful.

2.4 Inflow Boundary Conditions. Imposing a fully devel-
oped inflow velocity profile can reduce inconsistencies between
physiological and computational flows. Patient-specific inlet
waveforms can be obtained through invasive right heart catheteri-
zation with a fluid-filled Swan–Ganz balloon tip catheter and a
pressure-flow wire. If pressure is not required, transthoracic echo-
cardiography (TTE) or magnetic resonance imaging with phase-
contrast (PC-MRI) for velocity encoding [83] can be used to
obtain velocity measurements noninvasively. The measured inlet
waveform, being a periodic function, can be represented by using
a complex Fourier series (Eq. (8)), which can typically represent
the flow with approximately 10 harmonics [55]. In Eq. (8), Q(xk)
is the flow rate scalar in the frequency domain and xk is the angu-
lar frequency (xk ¼ 2pk=T) with period, T.

q tð Þ ¼
X1

k¼�1
Q xkð Þeixk t (8)

In steady, fully developed flow through cylindrical conduits,
the velocity develops into a Poiseuille profile unless otherwise
perturbed by surface roughness or other geometrical singularities.
In pulsatile flow, the fluid inertia does not allow the flow to
develop under a constantly changing pressure gradient. The
Womersley solution (Eq. (9)) is an analytical representation of
velocity as a function of time and radial coordinate location within
the cross section [84,85]. Note that the velocity magnitude corre-
sponds to the real part of Eq. (9), while the imaginary part con-
tains information on the relative time point within the cardiac
cycle.
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PC-MRI measurements suggested that a plug profile is appropriate
for the main pulmonary artery inlet [86]. Nevertheless, previous
studies in dogs show significantly decreased flow near the vessel
walls, with maximal flow at the center [87]. Additional work is
needed to determine how the inlet velocity profile develops
further downstream in the domain and how that impacts the flow
dynamics.

The velocity profiles defined by Eq. (9) as a function of the non-
dimensional radius (r/R), are intended to be applied to a circular
cross section, which does not represent the anatomical shape of
the vessels reconstructed from the patient-specific scans (see
Fig. 7). Schwarz–Christoffel (SC) [79] mapping can be used to
construct a map between the anatomically relevant patient-
specific inlet cross section and a perfect circle. In addition,
this technique can be used to impose experimentally obtained

physiological inlet flow conditions on nonmatching reconstructed
geometry.

2.5 Outflow Boundary Conditions. In all current computa-
tional modeling methods, a classical system of governing equa-
tions is constructed for finite points within the computational
domain to generate a discretized system of equations of motion.
To solve this system, flow or pressure must be specified at
the inlets and outlets [72,88]. Because of limited image resolution,
a reconstruction computational flow model of the entire pulmo-
nary vasculature is not possible, and thus, outflow resistance/
impedance at the truncated vessels must be representative of the
distal vessels not readily obtained from the segmentation process
[89]. Resistance embodies the frictional losses that must be
replaced by an external driving force (pump). Conversely, imped-
ance is a combination of the resistance and reactance, where the
reactance is dependent upon the vessel wall compliance: the
exchange of the fluid’s kinetic energy and the elastic vessel’s stor-
age energy, which is constantly transferring and always remains
conserved [84].

Much like the flow waveform, the pressure and impedance can
be expressed as a Fourier series (Eqs. (10) and (11))

p tð Þ ¼
X1

k¼�1
P xkð Þeixk t (10)

z tð Þ ¼
X1

k¼�1
Z xkð Þeixk t (11)

P xkð Þ ¼ Z xkð ÞQ xkð Þ (12)

If patient-specific pressure and flow measurements are available,
impedance magnitude can be obtained by conducting spectral
analysis of the pressure and flow harmonics. Equation (12) is used
to calculate each harmonic of the impedance in the frequency
domain. For an intuitive grasp of the impedance concept in the
frequency domain, at zero frequency the pressure and flow corre-
spond to the mean resistance while the reactance disappears
(Z(x0)¼Resistance).

Fig. 7 (a) Inlet waveforms measured for pulmonary vascula-
ture: solid—Henk et al. [129]; dashed—Swan–Ganz balloon tip
catheter measurements of normal subject, taken at University
of Pittsburgh Medical Center; (b) inlet of typical segmented
pulmonary artery and Schwarz–Christoffel (SC) mapping proce-
dure: A unit circle is superimposed onto the inlet. Any point
within the domain can be represented as a complex number:
R̂ 5 xþ iy, in which the modulus corresponds to the distance
from the center of gravity (CG).
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Zero Traction. One option for an outflow boundary condition
is to set each outlet pressure to a constant value [89–91], which
can result in nonphysiological flow within the computational
domain because the flow split is entirely governed by the proximal
(segmented) vascular geometry [91]. Although in idealized geo-
metries, the zero traction outflow boundary condition has shown
good agreement with experimental velocity profiles [92], the va-
lidity of these simulations is compromised for multioutlet
domains. To represent the flow dynamics in the distal vasculature
in an accurate manner, which in turn will influence flow behavior
and the flow split in the proximal vessels, the pressure and flow
must be coupled at each outlet.

Resistance. A pure resistance outflow boundary condition does
not account for the compliance of the distal arteries and keeps the
pressure and flow in phase (see Fig. 8). An electrical circuit anal-
ogy of this condition represents a pure resistor, where the pressure
corresponds to the voltage and the flow to the electrical current.
Therefore, Ohm’s law can be used to find the relationship between
pressure (voltage) and flow (current) as in Eq. (13)

Dp tð Þ ¼ Rq tð Þ (13)

Greinberg and Karniadakis [89] introduced a resistance outflow
boundary condition for computational models with multiple out-
lets for cases in which the patient-specific outflow is measured.
This could be applicable for computational pulmonary models
that are truncated at the low-generation vessels. Measuring
patient-specific flow rates using ultrasound or MRI is feasible in a
clinical setting, making this outflow condition advantageous
because directly imposing an outlet flow rate results in numerical
convergence problems [93] that are avoided through resistance
based outflow boundary conditions. Even without patient-specific
flow split data, flow at each outlet can be estimated as propor-

tional to the outlet radius to a specific power (Qoutlet ! ra) [84].
Analysis of the minimization principle reveals that a is equal to 3,
yet experiments on a resin cast of a human lung revealed a is
equal to 2.3 [94]. Assigning the flow split ensures mass conserva-
tion, which might be particularly effective when combined with
the Greinberg and Karniadakis technique, but implementation will
not be trivial. When using commercial fluid flow solvers, the need
for external subroutines of code for implementing outflow bound-
ary conditions can be avoided by introducing porous medium
extensions [95,96]. In a porous medium, much like in a pure re-
sistance circuit, the pressure is linearly proportional to the flow
(Eq. (13)). The medium’s resistance is dictated by its porosity and
permeability.

Windkessel. A three-element Windkessel outflow boundary
condition is a lumped model that accounts for the resistance and
compliance of the distal vasculature [97,98]. Representing the dis-
tal arteries as an RCR electrical circuit reveals the pressure-flow
relationship as an ordinary differential equation (Eq. (14)), where
R1 and R2 ðN � s=m

5Þ are the resistances corresponding to the
circuit in Fig. 8, and C is the capacitance (m5/N). The circuit is
assumed to terminate at an arterial generation of zero pressure
[99]. Equation (14) can be used to derive the impedance of the
Windkessel model in the frequency domain (Eq. (15)) [100,101]
but will not replicate the physiological oscillations measured for
the high frequency harmonics [98].

p tð Þ þ R2C
@p tð Þ
@t
¼ R1 þ R2ð Þq tð Þ þ R1R2C

@q tð Þ
@t

(14)

Z xkð Þ ¼
R1 þ R2 þ ixkCR1R2

1þ ixkCR2

(15)

Unlike the pure resistance model, flow and pressure are out of
phase in the Windkessel but not to the extent of physiological

Fig. 8 Outflow boundary conditions applied to pulmonary vascular models. (a) The pure resist-
ance model consists of a single resistor causing a linear relationship between the outlet pres-
sure and flow. (b) The Windkessel models extend the pure resistance model with a compliance
term but do not capture fully the complex flow patterns through compliant vascular networks.
(c) The structured tree model is a hypothetical reconstruction of the compliant vascular tree
distal to each truncated outlet. The pressure-flow relationship at each outlet is calculated by
computing the tree impedance. (d) The fluid-structure interaction (FSI) boundary condition is a
useful add-on to any FSI simulation, which encompasses all the sophistication of the compliant
structured tree.
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values [56]. The Windkessel model has several limitations: (1) All
flow fluctuations are transferred to the pressure, regardless of the
frequency, making it very sensitive to noise [89] (2) The model
cannot account for pressure peaks that occur as a result of wave
reflections in naturally bifurcating arterial trees, which might not
be as important for the pulmonary circulation as it is for the sys-
temic circulation. More reflections lead to a discrepancy between
the pressure and flow waves, which is generally not seen in the pul-
monary arteries [102] (3) The Windkessel circuit parameters are
not intuitively tied to morphometric data [103], making it difficult
to establish patient specificity of the model in a clinical setting.

Structured Tree. The structured tree outflow boundary condi-
tion involves generating a hypothetical arterial tree that represents
all the vasculature distal to the truncation points of the image
reconstructed geometry. Using the method outlined in Refs.
[54,56], the pressure at each outlet of the computational domain
can be found with Eq. (16) (convolution equation). In order to
evaluate the integral in Eq. (16), the flow rate is required for the
entire cardiac cycle. Therefore, when calculating for a given time
point within the period, T, q t0ð Þ 7! t0 2 0; t½ � are known. The values
for q t0ð Þ 7! t0 2 t;T½ � are taken from the previous time step. After
subsequent time steps, the solutions for q(t) and p(t) should converge.

p tð Þ¼
ðt

t�T

z t� sð Þq sð Þ@s (16)

To find the impedance in Eq. (16), the structured tree is recon-
structed from metamorphic data, which describes arterial radii,
length, and compliance at each generation of the pulmonary vas-
cular system [19,20] (see Fig. 8). The ultimate goal is to find the
input impedance of the queen vessel, which is equal to the output
impedance of the outlet for which the boundary conditions are
being assigned. The overall strategy is to work backwards from
the terminal vessels, where the impedance is assumed to be zero.
The entrance impedance, Z(x¼ 0), can be found for the terminal
vessels using Eq. (17).
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where

Ĉ complianceð Þ ffi 3A0r0

2Eh

A0¼ unpressurized vessel cross sectional area (pr0
2),

r0¼ unpressurized vessel radius, E¼ vessel Young’s modulus,
and h¼ vessel thickness.

Fj ¼
2J1 W0ð Þ

w0J0 W0ð Þ

J0 and J1 are Bessel functions of zero and first order, respec-

tively, w0¼ i2w2, w¼Womersley number¼
ffiffiffiffiffiffiffiffiffiffiffiffi
xr2
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p

,
�¼ kinematic viscosity, and c (wave propagation velocity)
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q
, and L¼ length of a vessel.

The impedance at the outlet of the parent vessels
(Z x ¼ Lð Þparent) is a function of the input impedance of the two
daughter vessels (Z x ¼ 0ð Þdaughter) connected to its outlet
(Eq. (18))

1

Z x ¼ Lð Þparent

¼ 1

Z x ¼ 0ð Þdaughter1

þ 1

Z x ¼ 0ð Þdaughter2

(18)

Calculating up the arterial tree using Eqs. (17) and (18), the input
impedance can be found for the queen vessel that is connected to
the outlet of the computational domain (BC). To achieve physio-
logical pressure and proper left/right lung flow distribution, vessel
radii along the arterial tree must be adjusted from the original
morphometric data [104]. This tuning analysis can be used to
determine the influence of disease on distal vasculature remodel-
ing when patient-specific hemodynamic data are available for the
proximal arteries. The impedance modulus of the structured tree
boundary condition oscillates for harmonics at high frequency,
which is more consistent with physiological measurements than
the Windkessel boundary condition. It allows for wave reflections,
encompasses anatomical features of the arterial tree, and can be
modified to incorporate inspiration [88].

A properly applied impedance boundary condition can model
the phase difference between flow and pressure and can even
reveal spikes in the pressure waveform resulting from wave reflec-
tions. Depending on the hemodynamics being investigated, the
large arteries can be modeled in 3D or 1D [51,101,103,104]. 1D
models for the large arteries, coupled with an impedance outflow
boundary condition, are computationally efficient and can incor-
porate patient-specific anatomical vessel dimensions without the
need to do full segmentation [104]. In addition, they account for
wave propagation effects based on vessel stiffness [52,56], which
is a key metric of ventricular afterload. Incorporating conduit
radius and vessel mechanical properties into a computational
model results in a powerful tool that can be used to model vascu-
lar remodeling (narrowing and stiffening). One limitation of the
1D hemodynamic model is the assumption that the flow is fully
developed in all vessels. This is clearly not the case for the pulmo-
nary circulation, as the pulmonary vessels do not offer a sufficient
entry length for the flow to develop. Finally, 1D models cannot
reveal the dynamics of secondary flows or regional mapping of
certain continuum metrics (e.g., WSS), rendering them inadequate
for some clinical applications. 3D CFD models for large arteries
are computationally more expensive and labor intensive. The ones
currently available for the pulmonary circulation neglect vessel
distensibility, resulting in an overestimation of WSS and absence
of wave affects. Given the computational platforms available
today, 3D CFD models coupled to complex boundary conditions
may be feasible to implement in a research laboratory but imprac-
tical in a clinical setting. Deciding on an appropriate model for
clinical application should be based on the patient-specific data
available and the accuracy of the estimates required for effective
clinical decision making.

2.6 Fluid-Structure-Interaction Models. The rigid wall
assumption made in CFD analysis has been shown to overestimate
the regional shear stress [105]. Moreover, as a result of neglecting
vessel compliance, all the energy of the pulse pressure is trans-
ferred to the distal vessels [18,96] and the reactive component of
impedance in the flow dynamics is neglected. CFD analysis does
not allow one to investigate the influence of compliance on the
local hemodynamics or RV load and will not reveal the true
mechanical stress experienced by the vessel. One strategy for
overcoming the rigid vessel wall assumption made in CFD is
through FSI modeling. This analysis is capable of simulating
regional secondary flows without neglecting the coupling between
the fluid (blood) and solid (arterial wall) domains [96,106]. It
requires knowledge of the vessel’s mechanical properties and is
more computationally expensive than CFD [5]. Fluid-structure
coupling in 3D hemodynamic simulations has generally been
achieved by separately solving for the fluid and solid domains
through mutual stresses calculated at their interfaces [96] or by
numerically implementing vessel deformation equations into the
boundary condition of the fluid domain [106].

Canine aorta studies suggest that arteries behave mostly as
anisotropic linearly elastic materials within the physiological
range of aortic pressures [107]. Nevertheless, this has not been
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confirmed in porcine aorta testing [108] and might significantly
change for vessels that have undergone remodeling, where
collagen engagement could occur at peak systole [14]. Destructive
planar biaxial tensile testing of pulmonary vascular tissue can
be performed to develop anisotropic constitutive equations
[109,110]. Material equations have been correlated with extracel-
lular matrix load-bearing protein content, which could be used to
investigate disease progression [111,112]. Recently, ex vivo, non-
destructive extension-inflation testing strategies have emerged for
monitoring deformation under physiological inflation pressures
[108,113,114]. They encompass true physiological load condi-
tions and can yield more sophisticated microstructurally driven
constitutive models that are directly correlated with protein con-
tent [112,115]. Incorporating these models into FSI simulations
would be invaluable for directly correlating vessel mechanical
properties at the protein level to wave propagation phenomena
and ultimately ventricular load. FSI models with advanced
constitutive material equations can also provide insight into the
true mechanical stress of the vessel, which is both the cause and
effect of vascular remodeling [15]. Correlated with microstruc-
tural properties, in a hypothetical scenario of limitless computa-
tional resources, FSI models could offer a complete representation
of PH disease progression from collagen synthesis and cell prolif-
eration in response to increased vascular stress to ventricular load.

In FSI analysis, the metric of interest for the solid domain is
usually displacement, as it is coupled to the pressure and velocity
metrics of the fluid domain [116]. When setting up an FSI simula-
tion, three boundary considerations are necessary: (1) the slip
between the fluid and solid domain on the inner surface (also nec-
essary for CFD), (2) the perivascular pressure acting on the outer
surface, and (3) the degree of freedom of displacement for nodes
within and on the ends of the truncated solid domain. Slip—most
computational models assume no slip between the inner surface of
the solid domain and the fluid boundary. This is generally consid-
ered a safe assumption, but will clearly have an impact on the
resulting shear stress estimations [117]. Perivascular pressure—
the pressure acting on the outer surface of the vessel is generally
considered to be spatially uniform [1,96], and experimentally
obtained physiologically accurate pressures are currently unavail-
able. Therefore, while image-based relative area change (RAC)
measurements with concurrent catheter pressure data cannot
reveal true vessel constitutive properties or perivascular pressure
[16], the resulting compliance would be a product of both and can
be used as a first order approximation for FSI models. This tech-
nique is somewhat limited considering that it merely reveals
strains in the radial direction but can be applied on a patient-
specific basis and even for pre/posttreatment assessment. Nodal
displacement—current computational schemes are capable of cap-
turing both longitudinal and radial displacements of nodes on the
inner/outer surface of the solid domain, which are necessary
according to experimental measurements [118]. Nodes on the
proximal and distal ends are usually constrained to be fixed
[96,105] or occasionally allowed to move in the radial direction
[1]. Nevertheless, since some approximation is necessary at these
boundaries, it is common practice to apply them as far from the
computational domain of interest as possible.

As in CFD, FSI models also require boundary conditions at
vessel truncations for the fluid domain. Nonphysiological wave
reflections can arise at truncations due to numerical error, which
can be minimized by properly coupling the 3D domain to the dis-
tal vessel dynamics [119]. In addition to the boundary conditions
described in Secs. 2.4 and 2.5, an FSI computational domain
allows one to incorporate the distal vasculature as geometric enti-
ties directly attached to the truncated outlets [100] (see Fig. 8).
Each truncated outlet within the domain is extended by an elastic
tube that is connected to a rigid contraction, meant to incorporate
the compliance and resistance of the distal vasculature. This
technique is as effective for simulating wave dynamics as the
structured tree model; however, much like the Windkessel model,
input parameters are not anatomically intuitive. Its main advant-

age is that it requires minimal preprocessing and can be used with
any commercially available FSI solver. Because this model essen-
tially requires extending the computational domain, no additional
computational resources would be necessary for calculating
impedance-based boundary conditions.

2.7 Flow Metrics of Interest and Their Significance.
Multiple metrics can be used to quantify the computational hemo-
dynamics in the pulmonary circulation. For constant flow rate
simulations, regional stress distributions can be critical parameters
of interest but are highly dependent on model setup and segmenta-
tion. As described previously, vascular homoeostasis is highly
dependent on WSS distribution on the endothelium. In fact, the ar-
terial wall will gradually increase lumen diameter in response to
increased flow in an effort to normalize physiological WSS [120].
Endothelial cells have been shown to align themselves with the
flow, which corresponds to the local direction of time-averaged
stress, and stress metrics are shown to be directly correlated with
cell proliferation and apoptosis [121]. For clinical applications, as
WSS is generally available through noninvasive means, it would
be useful to correlate continuum metrics available from CFD/FSI
analysis with current metrics used to assess PH disease progres-
sion, currently obtained through invasive and expensive catheteri-
zation. Consequently, posttreatment followup comparison with
pretreatment hemodynamics metrics is currently impractical. Cur-
rent metrics used to assess treatment efficacy are as rudimentary
as the six-minute walk test, where a patient is asked to walk at
maximum pace for six minutes to evaluate his/her exercise per-
formance [122]. This frequently utilized noninvasive metric is
easily influenced by unrelated external variables (e.g., arthritis,
obesity, age, etc.). Therefore, not only can computationally
obtained continuum metrics reveal findings about PH pathology,
but they would allow a physician to manage a patient’s treatment
by offering an invaluable clinical tool for continuously monitoring
a patient’s response to therapy.

The shear stress tensor within the flow is directly proportional
to the velocity gradient, as shown in Eq. (3). In a computational
simulation, the stress vector acting on the endothelial surface (the
surface mesh element on the domain boundary with surface nor-
mal n̂) is calculated as follows

~sw tð Þ ¼ n̂: s½ � (19)

where ~sw is the instantaneous WSS vector calculated for each
facet to generate a WSS map at any instant in the cardiac cycle.
The mean WSS in the healthy pulmonary arteries has been meas-
ured at 1.7 dyn/cm2 [123]. During a single cardiac cycle, the WSS
vector on a facet can rotate and even reverse directions. A WSS gra-
dient (WSSG) at any instant within the cardiac cycle is defined by

WSSG tð Þ ¼
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where m is the time-averaged direction of the WSS vector over
the entire cardiac cycle, and n is normal to m and tangent to the
facet surface. The oscillatory shear index (OSI) provides insight
into the level of shear flow without a definite direction (disturbed
flow). ECs respond to shear flow with a clear direction in active
maintenance of homeostasis. Typical regulatory mechanisms are
disturbed, proinflammatory signaling pathways, which are main-
tained increasing the likelihood of vascular disease [90,121,124].
Equation (21) can be used to compute a map of OSI for each facet
of the vascular surface.
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OSI varies between 0 and 1/2, ranging between clearly directional
and disturbed flow, respectively. An OSI value of 1/2 corresponds
to a zero mean WSS vector.

3 Computational Models of the Pulmonary

Vasculature

Cardiopulmonary hemodynamics modeling has been used to
gain insight into multiple pathologies such as pulmonary
hypertension [5,125] and pneumothorax [126], and as a surgical
planning guide for cavopulmonary connections [127]. In this
review, we focus on pulmonary hemodynamics modeling in
healthy subjects and subjects with PH.

Spilker et al. [104] developed a patient-specific 1D finite ele-
ment model of the pulmonary vasculature with a structured tree
outflow boundary condition [54,56], which was reconstructed
from morphometric data. This computational model was com-
pared against a porcine model in which the dimensions of the out-
flow structured tree were iteratively tuned to an agreeable main
PA pressure and flow split. The model was used to show that
repairing a stenosis in a patient-specific arterial tree reconstruction
did not significantly affect the flow dynamics. This study showed
that a 1D numerical model is capable of predicting patient-
specific hemodynamics but also yields limited information. The
need to iteratively adjust outflow BC parameters for tuning to
physiological pressures is a serious limitation because this infor-
mation is rarely available in a clinical setting. To this end, Tang
et al. [40] developed a 3D finite element CFD model of the pul-
monary vasculature to examine the impact of exercise on arterial
hemodynamics. The arteries were reconstructed based on lumen
topology for large vessels and assumed to be circular for smaller
vessels. They used a resistance outflow boundary condition to
investigate shear stress distributions, OSI, and energy dissipation
in six subjects. Resistance values were adjusted for each patient to
agree with MRI-measured flow split and total vascular resistances.
The study found that exercise increases mean WSS and decreases
energy efficiency. OSI did not appear to be heavily influenced in
either the small or large vessels. Typical WSS computed by Tang
et al. were within the range found using 4D flow data [123].
Patient-specific CFD simulations conducted in our laboratory
showed larger WSS in the distal vessels fully reconstructed from
the segmented CT images (see Fig. 9). Tang et al. assumed circu-
lar cross sections for the small vessels, which prevented this over-
estimation in WSS.

To circumvent the limitations of current image reconstruction
algorithms, Hunter et al. presented a novel approach to pediatric
patient-specific FSI simulations of the main, left, and right PAs
[96]. Proximal arteries were segmented from biplane X-ray angio-

grams at middiastole, based on locating and reconstructing the
lumen. The vessels were given a circumferentially uniform wall
thickness of 10% of the lumen diameter [128]. The distal vascular
resistance was modeled by adding a porous extension to the out-
lets of the computational domain, with porosity and permeability
chosen for an approximately equal flow split. Here, they hypothe-
sized that proximal compliance strongly influenced flow dynamics
and that this information is useful for diagnosing and treating
PH. The study investigated two cases: In case 1, they investigated
pre/postoperative hemodynamics for a patient with a septal defect,
which usually increases pulmonary flow and pressure. The out-
flow boundary conditions remained the same, but the postopera-
tive flow rate and vascular stiffness were decreased. Postoperation
dynamics showed a decrease in mean velocity, WSS, and inlet
pressure. Simulations showed a complete postoperative pressure
recovery and also showed a decrease in distal vascular resistance
even though the porosity was unchanged. In case 2, the study
investigated reactivity to distal vasodilatation by decreasing exit
section permeability and proximal stiffness. The simulations
revealed a substantially decreased postoperative inlet pressure and
increased vessel distention. With this study, the authors concluded
that modeling patient-specific pulmonary hemodynamics did not
require labor-intensive reconstruction of the pulmonary arterial
tree. Moreover, they suggest that FSI modeling of the proximal
large vessels is sufficient for assessing disease progression and
treatment options.

In a separate attempt to investigate the hemodynamic impact of
vascular stiffness and distal vasodilatation, Su et al. [1] introduced
a 2D model based on the following patient-specific information:
cardiac output, Young’s modulus (approximated from relative
area changes), and pulmonary vascular resistance, along with
other input parameters (such as PA diameter, wall thickness, and
inlet profile) that can be adopted from the literature. The model
was an axisymmetric lumen, bounded by an elastic vessel wall,
with a pure resistance outflow boundary condition and a wave-
form at the inlet. For validation, the first harmonic of the
impedance modulus and mean PA pressure were compared with
patient-measured data. A reasonable fit was found between meas-
ured and simulated mean PA pressures, but impedance was less
accurate. The model was used to show how flow dynamics are
affected by disease progression and vascular stiffness. One inter-
esting find was that disease progression to a point of vessel disten-
tion that activates collagen engagement further acts to increase
mean and peak pressure and WSS. In this case, decreasing distal
resistance through vasodilation does appear to decrease pressure
but substantially increases WSS. Additional investigations are
needed to further our understanding of how FSI model simplifica-
tions impact the reliability of the modeling outcomes.

Fig. 9 (a) Wall shear stress (WSS) distribution calculated from Tang et al. [40]. (b) Magnification showing nonphysiological
stress concentrations arising from uncompensated errors in segmentation using our model, which did not assume cylindrical
vessels in the distal arteries but with similar inflow and outflow boundary conditions as used by Tang et al.

061011-12 / Vol. 135, JUNE 2013 Transactions of the ASME



4 Future Work and Recommendations

The main priority for future work in computational hemody-
namics modeling of the pulmonary circulation should be to deter-
mine the impact of limited image spatial resolution and
segmentation algorithms on our ability to model pulmonary flow
dynamics accurately. The role of computational modeling in the
clinic is envisioned as an alternate resource for assessing hemody-
namic variables noninvasively. Therefore, outflow boundary con-
ditions used in the model should not require tuning based on
physiological measurements that must be obtained invasively.
Furthermore, as proximal stiffness is a key player in pulmonary
arterial hypertension progression, computational models should
incorporate the role of stiffness/compliance in vascular–
ventricular coupling to investigate how pulmonary arteries
respond to hypertensive conditions. To this end, localized WSS
distributions may predict endothelial phenotype, which in turn
might correlate with response to specific classes of therapy and/or
rates of disease progression. If clinical studies demonstrate such
correlations, the logical next step would be to use patient-specific
hemodynamic models for decision making of individualized
therapies, frequency of subsequent hemodynamic assessments,
and the potential need for lung transplant surgery. Such studies
that evaluate the role of computational hemodynamics in the
clinic are feasible as current clinical care protocols for patients
with PAH frequently include contrast-enhanced chest CT for cus-
tomary followups.
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