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Abstract
Isolated post-capillary pulmonary hypertension (Ipc-PH) occurs due to left heart failure, which contributes to 1 out of every
9 deaths in the United States. In some patients, through unknown mechanisms, Ipc-PH transitions to combined pre-/postcapillary PH (Cpc-PH) and is associated with a dramatic increase in mortality. Altered mechanical forces and subsequent
biological signaling in the pulmonary vascular bed likely contribute to the transition from Ipc-PH to Cpc-PH. However, even
in a healthy pulmonary circulation, the mechanical forces in the smallest vessels (the arterioles, capillary bed, and venules)
have not been quantitatively defined. This study is the first to examine this question via a computational fluid dynamics model
of the human pulmonary arteries, arterioles, venules, and veins. Using this model, we predict temporal and spatial dynamics
of cyclic stretch and wall shear stress with healthy and diseased hemodynamics. In the normotensive case for large vessels,
numerical simulations show that large arteries have higher pressure and flow than large veins, as well as more pronounced
changes in area throughout the cardiac cycle. In the microvasculature, shear stress increases and cyclic stretch decreases as
vessel radius decreases. When we impose an increase in left atrial pressure to simulate Ipc-PH, shear stress decreases and
cyclic stretch increases as compared to the healthy case. Overall, this model predicts pressure, flow, shear stress, and cyclic
stretch that providing a way to analyze and investigate hypotheses related to disease progression in the pulmonary circulation.
Keywords Pulmonary hypertension · Micro-circulation · Wall shear stress · Cyclic stretch · Left heart disease ·
Computational modeling · Pulse wave propagation
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Chronic left heart failure (LHF) impacts nearly 5.9 million
adults and contributes to 1 out of 9 deaths in the United
States (Mozaffarian et al. 2016). About 60-80% of patients
with LHF develop pulmonary hypertension (PH-LHF) (Ghio
et al. 2001; Lam et al. 2009), which dramatically increases
morbidity and mortality (Guazzi and Borlaug 2012; Guglin
and Khan 2010; Ramu and Thenappan 2016). According to
the 2019 World Health Organization guidelines, diagnosis
of PH-LHF (classified under group-II PH) (Simonneau et al.
2019) requires a mean pulmonary artery pressure (mPAP)
> 20 mmHg and a pulmonary capillary wedge pressure
(PCWP) > 15 mmHg (Simonneau et al. 2019). The disease
begins with isolated post-capillary PH (Ipc-PH), a passive
process characterized by sustained elevated left-atrial and
pulmonary venous pressures, leading to increases in pulmonary arterial pressure. The increased pressure progressively
remodels the vasculature, often starting in the small vessels
and propagating to the main pulmonary artery (MPA) (Ravi

13

Vol.:(0123456789)

M. A. Bartolo et al.

et al. 2013). In some patients, through unknown mechanisms, Ipc-PH transitions to combined pre-/post-capillary
PH (Cpc-PH), which significantly worsens the disease
prognosis. The increase in pulmonary vascular resistance
(PVR) marks a change from reversible to the irreversible
stage, significantly increasing the mortality risk (Gerges
et al. 2015; Miller et al. 2013). Altered mechanical forces
and subsequent vasoactive signaling in pulmonary vascular
bed may contribute to the transition from Ipc-PH and CpcPH. However, mechanical forces in the small pulmonary
arterioles and venules have not yet been quantitatively studied, even in the healthy pulmonary vasculature. A crucial
precursor to investigating mechanobiological mechanisms
of disease progression is quantifying the dynamic vascular
mechanical environment in both healthy and diseased states.
This study examines the time course and distribution of wall
shear stress (WSS) and cyclic stretch (CS) in the pulmonary circulation in the first stages of Ipc-PH. We elevate left
atrial pressure and decrease cardiac output to simulate the
progression of Ipc-PH to enhance our understanding of how
mechanical stimuli act on the vasculature and provide a basis
for studying the PH-LHF progression.
WSS (g∕cm s2 ) is a a key driver of vascular remodeling
that may be critical to PH-LHF progression (Moraes and
Loscalzo 1997). It is defined as the tangential force exerted
by the blood flow per unit surface area of tunica intima (i.e.,
the interior surface blood vessels covered with a thin layer
endothelial cells called the endothelium) (Paszkowiak and
Dardik 2003). WSS is a local quantity and not an integrated
property of the entire intima, yet it is intimately connected
to the momentum exchange at the surface (Paszkowiak
and Dardik 2003). As such, WSS is directly proportional
to blood flow velocity and viscosity, and indirectly proportional to vessel radius cubed (Paszkowiak and Dardik 2003).
Endothelial cell signaling in response to altered WSS is
associated with vascular remodeling, which may lead to the
worsening of PH-LHF (Roux et al. 2020). WSS is also a predictor of endothelial function due to its role in stimulating
the production, release, and penetration of nitric oxide (NO)
from the intima to the smooth muscle cells in the media. NO
acts as a vital protective agent that maintains hemodynamic
homeostasis by regulating vascular wall mechanics (Michel
and Paul 2010). Specifically, its production during periods
of high flow rate leads to vasodilation, which maintains PVR
within baseline values.
CS (%) is another physiological quantity that plays a role
in endothelial function. Decreased CS stimulates vasoconstriction via increased endothelin-1 (ET-1) and decreased
endothelial nitric oxide synthase (eNOS) (van Duin et al.
2019). In vascular smooth muscle cells, CS causes cell cycle
arrest by elongating and realigning cells in the direction
of stretch (Barron et al. 2007). Combined with increased
blood pressure and transmural stress, these changes result in
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thickening of the vascular wall, increased media-to-lumen
ratio, and decreased lumen diameter. The combination of
these multiple alterations to the vascular structure leads to
increases in PVR and decreases in the arterial compliance
(Birukov 2009). Thus, understanding the role of WSS and
CS within the pulmonary circulation and the relationship
between these two quantities may give insight into the pathogenesis of PH and other cardiovascular diseases.
It is difficult to approximate WSS and CS in vivo as these
measurable hemodynamic quantities cannot quantitatively
define shearing forces or separate their effects from the other
physical parameters of the hemodynamic system (Papadaki
and Mclntire 1999). However, computational fluid dynamics (CFD) provides a comprehensive theoretical framework
for determining WSS magnitude and time course. Numerous mathematical models have been used to predict pressure and flow waveforms in the pulmonary arteries and
veins (Blanco and Feijóo 2010; Mynard and Smolich 2015;
Olufsen et al. 2012; Clark and Tawhai 2018; Chambers et al.
2020; Spilker et al. 2007), and some (Davies 2009; Reymond
et al. 2011, 2012; Zambrano et al. 2018; Yang et al. 2019)
have attempted to predict shear stress. Most of these studies
predict two shear stress quantities: the time averaged WSS
(TAWSS) and an oscillatory shear stress index (OSI), not
quantifying CS or differentiating the response between large
and small arteries, and veins. While these detailed predictions are excellent at examining the global environment,
they do not predict microcirculatory and venous WSS or
CS or their relationships with large arterial hemodynamics.
In this study, we develop a one-dimensional fluid dynamic
model of the pulmonary circulation including both arteries and veins. We use a numerical algorithm to predict the
pressure drop, wave propagation, and magnitude and time
course of WSS and CS (Qureshi et al. 2014). The model
includes large and small blood vessels capturing vessels
with radii from cm to – μm . This variation in spatial scale
allows quantification and exploration of system dynamics
and mechanistic relationships (e.g., between microcirculatory and large arterial WSS or CS) at several levels of the
pulmonary circulation (Selzer 1992).
Our model predicts these quantities in a multiscale
model in which the geometry for the large arteries and veins
is extracted from a computed tomography (CT) image from
a healthy human subject, and the small vessels are represented by structured trees with dimensions informed by literature data. This allows us to study the distal vasculature
in detail by predicting pressure, flow, WSS, and CS waveforms throughout the simulated network. To compare previous results from 3D studies (Zambrano et al. 2018; Tang
et al. 2012; Yang et al. 2019), we also compute a 1D-TAWSS
and 1D-OSI. We compute these quantities in the pulmonary circulation, studying both healthy and disease hemodynamics by increasing left atrial pressure and decreasing
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volumetric flow rate. This allows us to learn more about
mechanobiological mechanisms in Ipc-PH. Investigation of
these quantities in healthy and diseased states is an essential
step for providing an understanding of disease mechanisms
in PH-LHF patients.

2 Methods
The geometry of the large arteries and veins is determined
from segmenting a computed tomography (CT) image, and
the small vessels are represented by structured trees, parameterized using literature data. In the network of large and
small vessels, we conduct 1D fluid dynamics simulations
predicting flow, pressure, WSS, and CS using an inflow
waveform specified from data. To study effects associated
with the onset of Ipc-PH, we run simulations elevating left
atrial pressure and reducing cardiac output. The latter is
done by scaling the measured inflow waveforms. This section describes the network geometry, the 1D fluid dynamics
model, and metrics, such as WSS and CS.

2.1 Network geometry
Vessel dimensions and network connectivity are extracted
from CT chest images from a healthy 67-year-old female volunteer (Wilson et al. 2013)1. The geometric reconstruction
of the first three generations of arteries and first generation
of veins were generated using the open-source segmentation
software 3DSlicer2 (see Fig. 1). We used the vascular modeling toolkit (VMTK)(Antiga et al. 2008) to obtain cartesian
loci tracing each vessel’s center-lines within the network and
measuring the associated radii. VMTK generates a pointcloud, which enables the network topology quantification
in the form of connectivity matrices, and vessel’s lengths
computation by summing over the point-wise L2 norms
between successive center-line coordinates (Colebank et al.
2019). Table 2 lists the lengths and radii for all vessels in
the network. To satisfy the topological equivalence of the
connected arterial-venous structured trees, we set the same
distal radii for the large terminal arteries (RIA, RTA, LIA,
and LTA) and their mirroring veins (RSV, RIV, LSV, and
LIV) (Qureshi et al. 2014).
Asymmetrically binary structured trees (Olufsen et al.
2000) (shown in Fig. 1) are generated using physiologybased scaling laws. At each junction, the daughter vessel
radii and lengths are scaled by factors 𝛼 and 𝛽 to the parent
vessel, i.e.,

1
Available from open-source Simvascular platform http://simvascular.github.io/clinicalCase4.html.
2
https://www.slicer.org/.

rd1 = 𝛼rp ,

rd2 = 𝛽rp ,

L(d1 ,d2 ) = lrr r(d1 ,d2 ) ,

where 𝛼, 𝛽 < 1 and 𝛼 + 𝛽 ≥ 1. Scaling parameters, along
with a prescribed minimum radius rmin , determine the number of generations and vascular bed density encompassing
the small arteries, arterioles, veins, and venules. Values for
𝛼 and 𝛽 are taken from the study by Chambers et al. (2020).

2.2 Mathematical model
This study uses a 1D fluid dynamics network model, previously developed by Qureshi et al. (2014), to compute
blood flow, blood pressure, and area deformation throughout the pulmonary network (see Fig. 1). This model delineates the hemodynamic domain into two sub-domains: a) a
large vessel domain consisting of main arteries and veins
extracted from a CT image, and b) a small vessel domain,
composed of pre-capillary arterioles and venules generated
using a two-sided morphology-based binary structured tree
model. As noted earlier, the geometry of the large vessels is
extracted from data, and the model is driven by a measured
flow waveform. In all vessels in this network, we predict
pressure, volumetric flow, and cross-sectional area waveforms. Mathematically, the large vessels belong to a nonlinear computational domain, requiring a numerical solution
of the governing fluid equations, whereas the small vessels
constitute a linearized analytical domain that combines
exact solutions of governing fluid equations with a recursive
algorithm. Below we describe the fluid dynamics modeling,
resulting equations for the large and small vessels, as well
as boundary conditions needed to predict the hemodynamic
quantities of interest for this study.
2.2.1 Large vessel fluid dynamics
In large vessels, inertia dominates the blood flow dynamics;
thus, pressure-flow relations can be determined from solving
the Navier-Stokes equations in one dimension. Similar to our
previous studies (Olufsen et al. 2000; Qureshi et al. 2014),
we compute blood pressure p (mmHg), flow q (cm3/s), and
dynamic cross-sectional area A ( cm2 ) throughout the network. Each vessel is modeled as an axisymmetric tube with
a circular cross-section and impermeable wall. We assume
that the blood is Newtonian, and the flow is incompressible, irrotational, and laminar. We account for the blood-wall
interaction via the no-slip condition, ensuring that the blood
flow velocity at the inner wall surface is same as the velocity
of transverse wall motion. To obtain a 1D model, we impose
the boundary layer condition by Olufsen et al. (2000)
{
ū ,
r <R−𝛿
ux (r, x, t) =
ū (R−r)
(2.1)
,
R−𝛿 <r ≤R
𝛿
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Fig. 1  Schematic of the pulmonary circulation arranged in
order of large arteries, arterioles, venules, and large veins.
The dotted purple line represents the capillary beds which
are not included in our model.
The large arteries and veins are
modeled explicitly using a CT
image from a healthy human
adult, and the small vessels
are modeled using a structured
tree. In the structured tree, each
small artery has a mirroring
vein. The asymmetry of the
structured tree is determined
by the scaling factors, 𝛼 and 𝛽 .
We impose an inflow profile at
the MPA as well as a left atrial
pressure of 2 mmHg at the
pulmonary veins

where ux (r, x, t) is the axial velocity, and ū x is the averaged
√
velocity outside of the boundary layer of thickness 𝛿 = 𝜈T
2𝜋

(cm) computed as a function of T (s), the length of the cardiac cycle, and 𝜇L ( cm2/s) is the kinematic viscosity, 𝜇L is
the viscosity, and ρ is the density. The boundary layer provides a flat axial velocity profile characterizing the inertiadominant flow in the large vessels consistent with (Nichols
et al. 1991; Pedersen 1993; Pedersen et al. 1993).
We obtain the conservation of mass and balance of
momentum by averaging the 1D Navier-Stokes equations,
giving
( )
𝜕q
q
𝜕A 𝜕q
A 𝜕p
𝜕 q2
+
+
= 0,
+
= −F ,
(2.2)
𝜕t
𝜕x
𝜕t 𝜕x A
𝜌 𝜕x
A
where x (cm) and t (s) are spatial and temporal coordinates,
respectively, and F = 2𝜋𝜈∕𝛿 is a frictional term. To close the
system of equations, we assume a linear elastic relationship
between pressure and cross-sectional area of the form
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4 Eh
p(x, t) − p0 =
3 r0

(√

)
A
−1 ,
A0

(2.3)

where E (mmHg) is Young’s modulus, h (cm) is vessel wall
thickness, p0 is a reference pressure (mmHg), and A0 (cm2 )
is the corresponding cross-sectional area. As suggested by
Krenz and Dawson (2003), for the large arteries and veins,
the vascular stiffness is assumed constant, i.e., we assume
that Eh∕r0 = k3 . For the large arteries (la), we adopt the
value reported by Paun et al. (2020), imposing k3la = 1 × 105,
and for the large veins (lv), we let k3lv = 1.25 × k3la , making
the pulmonary veins stiffer than the arteries (Banks et al.
1978; Wiener et al. 1966; Caro and Saffman 1965; Yen and
Foppiano 1981; Maloney et al. 1970).
Since our system of equations is hyperbolic, we specify
boundary conditions at the inlet and outlet of each vessel.
At the inlet to the pulmonary circulation, i.e., the MPA,
we specify a flow waveform extracted from magnetic resonance imaging, following the method used in Colebank
et al. (2021) (Fig. 1). We digitize an average flow waveform,
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available from Simvascular, using Graphclick, providing an
inflow boundary condition. At network junctions, we enforce
flow conservation and pressure continuity

qp (lp , t) = qd1 (0, t) + qd2 (0, t)

(2.4)

pp (lp , t) = pd1 (0, t) = pd2 (0, t),

(2.5)

where the subscripts p, d1 , d2 specify parent and daughter vessels and lp specifies the length of the parent vessel.
The outflow from the large terminal arteries and the inflow
into the corresponding large terminal veins are obtained by
coupling these vessels in series to two-sided arterial and
venous structured trees. At the outflow of the large veins,
a constant pressure is specified, corresponding to the mean
left atrial pressure. We consider this to be the left atrium
filling pressure. Since blood flows relatively freely into the
left atrium, setting the pressure to a constant low value is
reasonable. Additionally, fixing a constant pressure ensures
a pressure gradient throughout the system that drives the
blood flow. To simulate Ipc-PH progression, we increase the
left atrial pressure with values ranging from 2 to 20 mmHg
and decrease cardiac output by scaling the inflow profile by
factors between 0.1 and 1.
2.2.2 Small vessel fluid dynamics
In the small vessels, viscous effects are dominant, so we can
ignore the nonlinear inertial terms. As described in detail in
Olufsen et al. (2000), Qureshi et al. (2014), the momentum
equation in the axial direction is given by
(
)
𝜕ux
𝜕ux 1 𝜕p 𝜈 𝜕
r
+
=
,
(2.6)
𝜕t
𝜌 𝜕x
r 𝜕r
𝜕r

where k1, k2, and k3 are parameters. This equation states that
Young’s modulus times the wall thickness relative to the
unstressed radius increases as the vessels get smaller. For
the small arteries and arterioles, we adapt values reported
by Colebank et al. (2021): k1art = 2.6 × 105 ( g∕cm∕s2 ),
k2art = −14 cm−1 , and k3art = 1 × 105 ( g∕cm∕s2 ). These
values are chosen to enforce continuity between the large
and small vessels. Similar to the large vessels, we assume
that the small pulmonary veins are stiffer than the arteries
(Banks et al. 1978; Wiener et al. 1966), and we model this
by increasing kiven = 1.25 × kiart , i = 1, 3 (Wiener et al. 1966).
Assuming periodicity, flow and pressure can be written as q(x, t) = Q(x)ei𝜔t and p(x, t) = P(x)ei𝜔t . Using this
decomposition, we rewrite the momentum and continuity
equations as

i𝜔Q +

A0 (1 − FJ ) 𝜕P
= 0, FJ = 2J1 (w0 )∕w0 J0 (w0 ) (2.9)
𝜌
𝜕x

i𝜔CP +

𝜕Q
= 0,
𝜕x

(2.10)

where Ji (w0 ), i = 0, 1 are the first and second order Bessel
functions, and w0 = i3 r02 𝜔∕𝜇 is the Womersley number.
Since the effects of blood viscosity become more significant as the vessel size decreases, as suggested by Pries et al.
(1992), we compute small vessel viscosity 𝜇S as a function
of the unstressed vessel radius r0.
[
)2 ]
(
2r0
𝜇S (r0 ) = 1 + (𝜇0.45 − 1)
2r0 − 1.1
(2.11)
)2 /
(
2r0
3.2
2r0 − 1.1
0.645

𝜇0.45 (r0 ) = 6e−0.17r0 + 3.2 − 2.44e−0.12r0 ,

and the continuity equation is
(
)
3pr0 −3 3A0 r0
𝜕p 𝜕q
𝜕A 3A0 r0
1−
≈
= 0, C =
=
.
C +
𝜕t
𝜕x
𝜕p
2Eh
4Eh
2Eh
(2.7)

As noted in several studies that analyze properties of small
pulmonary arteries and veins, e.g., (Stack et al. 2014; Sicard
et al. 2017; Townsley 2012; Segers et al. 1998; Stergiopulos
et al. 1992; Westerhof et al. 1969; Sobin et al. 1977), the
amount of collagen increases as the vessels get smaller and
thus, vessel stiffness increases. To model this, similar to our
previous studies e.g., (Qureshi et al. 2014; Colebank et al.
2021; Chambers et al. 2020), we assume that

Eh
= k1 exp(k2 r0 ) + k3 ,
r0

(2.8)

(2.12)

where 𝜇0.45 (r0 ) is the relative viscosity at a hematocrit level
of 0.45 and 3.2 is the apparent viscosity limit, which provides large arterial viscosity when r0 is large (Pries et al.
1992). Since this is a relative viscosity, we scale our structured tree viscosity by this function. Differentiating equation
(2.10) with respect to x and substituting the result into equation (2.9) gives a wave equation of the form

𝜕2 Q
𝜔2
𝜔2
𝜕2 P
Q + 2 = 0 or 2 P + 2 = 0
(2.13)
2
c
𝜕x
c
𝜕x
√
where c = A0 (1 − FJ )∕𝜌C is the wave propagation velocity. The solution to these equations is given by
( )
( )
𝜔x
𝜔x
+ b sin
Q = a cos
(2.14)
c
c
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( ))
(
( )
𝜔x
𝜔x
+ cos
P = ig𝜔 −1 −a sin
,
c
c
√
CA0 (1 − FJ )
.
g𝜔 =
𝜌

(2.15)

We relate the flow and pressure at both ends of each vessel
and compute the admittance of each structured tree to find a
boundary condition that connect the large and small arteries
and veins. A complete derivation of the admittance matrices
through circuit theory can be found in the Appendix and in
Qureshi et al. (2014).
2.2.3 Wall shear stress (WSS)
Large vessels. The shear stress, 𝜏w, that the fluid exerts on the
vessel wall can be computed from the boundary layer from
Eq. (2.1), giving us

𝜕u
𝜏w = −𝜇 x
𝜕r
{
=

(2.16)

where 𝜁(r) = 𝛬 Rr and 𝛬 =

0,
𝜇ū x
,
𝛿

(2.21)

�

i−1
√
2

�
𝛺 . To find the oscillatory

volumetric flow rate q𝜙 through a tube, we integrate the
oscillatory velocity over a cross-section of the tube

q𝜙 (t) =

∫0

R

2𝜋ru𝜙 (r, t) dr
(
)
i𝜋ks R4
2 J1 (𝛬) i𝜔t
=
1−
e .
𝛬 J0 (𝛬)
𝜇𝛺2

As the fluid moves back and forth due to an oscillatory pressure gradient, the shear stress exerted by the fluid on the tube
wall is given by

=

J1 (𝛬)
−𝜇𝛬
q .
3
𝜋R J0 (𝛬) − 2 J1 (𝛬) 𝜙
𝛬

(2.22)

T

TAWSS =
r <R−𝛿

R−𝛿 <r ≤R

(2.17)

where ū x = q∕A.
Small vessels. To compute the shear stress in the small vessels, we assume that the driving pressure is oscillatory in time,
consistent with the pumping action of the heart. We assume
that this driving force consists of a constant part that does not
vary in time, and an oscillatory part that moves the fluid back
and forth over each cycle (Zamir and Budwig 2002). We refer
to the combination of the two components as pulsatile flow.
The steady and oscillatory components of pressure and axial
velocity are denoted by

p(x, t) = ps (x) + p𝜙 (x, t) , and u(r, t) = us (r) + u𝜙 (r, t).
(2.18)
Because of the independence of oscillatory and steady flow,
the relationship between the pressure gradients is given by

k(t) = ks + k𝜙 (t),

(2.19)

dp
= k(t), k𝜙 (t) = ks ei𝜔t, and u𝜙 (r, t) = U𝜙 (r)ei𝜔t . Subdt
stituting these expressions into Equation (2.6) gives

where

𝜕 2 U𝜙

(
)
J0 (𝜁)
iks R2
,
1−
U𝜙 =
J0 (𝛬)
𝜇𝛺2

k
1 𝜕U𝜙 i𝛺2
(2.20)
− 2 U𝜙 (r) = s ,
r 𝜕r
𝜇
𝜕r2
a
√
, R is the tube radius, and 𝜇 is radius
where 𝛺 = R 𝜌𝜔
𝜇

1
| |
|𝜏 | dt.
T ∫0 | w |

(2.23)

To compare our results to 3D studies, we compute onedimensional analogies to TAWSS and OSI. We compute
TAWSS by finding
The oscillatory shear index (OSI) is a dimensionless metric that characterizes if WSS is aligned with TAWSS. It is
computed as
)
(
| ∫ T 𝜏 dt|
| 0 w |
,
OSI = 0.5 1 − T
(2.24)
∫0 ||𝜏w || dt
agreeing with previous definitions (He and Ku 1996; Stalder
et al. 2008; Tang et al. 2011). This allows us to find the mean
WSS over the pulzation, which in turn exhibits the magnitude of oscillation of the WSS.
We also quantify CS in order to develop an understanding
of how diameter and circumferential stretch are related. To
do this, we calculate

CS =

r(x) − r0 (x)
× 100,
r0 (x)

(2.25)

where R(x) is the dynamic radius, and r0 (x) is the unstressed
radius of the vessel.

+

dependent viscosity. The solution is given by
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3 Simulations
We use the two-step Richtmeyer Lax-Wendroff method to
solve the model equations described in Sect. 2 for the large
arterial and venous networks presented in Table 2. Using
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data from Table 2 and methods described for the structured tree model, we predict pressure, area, and flow in
the large pulmonary arteries and veins. We also compute
the WSS, TAWSS, and OSI for these large vessels using
the boundary layer velocity profile. Using the linearized
model equations to simulate the microvasculature, we
predict pressure and flow along the arteriole and venule 𝛼
and 𝛽 branches and observe how they vary as vessel radius
decreases. We also compute CS, WSS, TAWSS, and OSI in
the microvasculature.

4 Results
We show results for a normotensive female adult, with network dimensions specified in Table 2. Vessel geometries
and inflow into the MPA were obtained from measurements;
other quantities including density and viscosity were determined from literature values (Table 1).

4.1 Normotensive case
4.1.1 Large vessels
Figures 2 and 3 show the predicted flow, pressure, and area
deformation at the midpoint of the MPA, RPA, LPA, RIV,
RSV, LIV, and LSV over one cardiac cycle for a healthy individual with a normotensive left atrial pressure. In the MPA,
LPA, and RPA, the pressure ranges from approximately 4
mmHg to 18 mmHg. The pressure for large veins remains
Table 1  List of parameters and
variables

close to the imposed left atrial pressure with the LSV and
RSV having the greatest pulse pressure over a cardiac cycle.
With a cardiac output corresponding to a healthy adult, and
a heartrate of 60 beats per minute, the maximum flow for the
MPA, RPA, and LPA are 300 cm3 ∕s, 160 cm3 ∕s, and 100
cm3 ∕s, respectively. We observe that the flow decreases in
each vessel as it is distributed to the downstream vasculature; however, total flow is conserved in each generation.
The maximum flow rates for the LIV, LSV, RSV, and RIV
are approximately 75 cm3 ∕s, 40 cm3 ∕s, 100 cm3 ∕s, and 50
cm3 ∕s , respectively. Note that since there are four veins
entering the left atrium, conservation of flow dictates that
the sum of the flow in these vessels equals the flow in the
MPA. We also compute the cross-sectional area over a cardiac cycle for the large arteries and veins. We observe that
the MPA has the largest area, ranging from approximately
5–5.6 cm2 over a cardiac cycle. Area for the RPA ranges
from 4.7 to 5.2 cm2 and area for the LPA ranges from 4.5 to
5 cm2. The area for the large veins does not fluctuate significantly throughout a cardiac cycle and is less than that of the
arteries. Respectively, the area for the RIV, RSV, LIV, and
LSV is 1.2 cm2 , 2.0 cm2 , 0.8 cm2 , and 1.6 cm2 . There are
small deformations in the area of these veins; however, these
are not visible at the scale that the results are displayed.
We also average the wall shear stress over time (TAWSS)
and display the results at the midpoint of each vessel. The
TAWSS for the large arteries and veins ranges from about
8 to 3.5 g∕(cm s2 ) (Fig. 5). Vessels with smaller radii (RTA,
RIA, LTA, LIA) have a higher TAWSS. We also observe
that the MPA has a higher TAWSS than the RPA and LPA,

Quantity

Definition

Parameters
T
𝜌

Length of the cardiac cycle
Blood density

𝜇L
𝜇S (r0 )
𝜈

Viscosity for large vessels
Viscosity for small vessels
Kinematic viscosity

Units

Value

s

1
1.057 Riches et al. (1973)

g/cm3
g/cm s
g/cm s

𝛿

Boundary layer thickness

cm2/s
cm

r0
E
h
rmin
lrr

Given reference radius
Young’s modulus
Wall thickness
Smallest vessel radius
Length to radius ratio

cm
mmHg
cm
mm
Dimensionless

(𝛼, 𝛽)
Variables
A(x, t)

Structured tree scaling factors

Dimensionless

3.2 Pries et al. (1992)
see equation (2.11)
𝜇∕𝜌
√
𝜈T∕2𝜋 Lighthill (1975)
see Table 2
see equation (2.8)
see equation (2.8)
0.0075 Townsley (2012)
15.75 (arteries); 14.54 (veins)
Huang et al. (1996)
(0.84,0.67) Chambers et al. (2020)

Instantaneous cross-sectional area

cm2

computed

q(x, t)

Volumetric flow rate

p(x, t)
r(x, t)
𝜏w

Blood pressure
Instantaneous vessel radius
Wall shear stress

cm3/s
mmHg
cm
g∕(cm ⋅ s2 )

computed
computed
computed
computed
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Table 2  Dimensions of the large pulmonary vessels
Vessel name

Length (cm)

Radius (cm)

LSV
LIV
RSV
RIV
LTA
LIA
RTA
RIA
LPA
RPA
MPA

2.42
1.22
4.74
0.48
2.01
2.45
1.90
2.25
6.24
5.58
3.58

0.70
0.50
0.80
0.60
0.70
0.50
0.80
0.60
1.19
1.23
1.27

Main pulmonary artery (MPA), right (RPA) and left (LPA) pulmonary arteries, right (RIA) and left (LIA) interlobular arteries, right
(RTA) and left (LTA) trunk arteries, right (RSV) and left (LSV) superior veins, and right (RIV) and left (LIV) inferior veins

despite the latter having smaller radii. This is due to the
MPA having a higher flow rate within a cardiac cycle than
the RPA and LPA. The OSI is small, which indicates that
the WSS is largely aligned with the TAWSS. The MPA has
an OSI of approximately 0.017 and the OSI for subsequent
vessels decreases throughout the arterial and venous trees.
The LIV has the lowest OSI of about 0.0013 (Fig. 5).
4.1.2 Small vessels
We also predict pressure and flow in the small arteries and
veins along the 𝛼 and 𝛽 branches (Fig. 4). In the arterioles,
the pressure decreases with decreasing vessel radius with
a systolic pressure of about 18 mmHg and diastolic pressure of about 2 mmHg. By contrast, in the venules, pressure
increases as vessel radius increases. We set rmin to 0.0075
mm, ensuring that we model vessels up to the capillary level
(Townsley 2012). The minimum pressure in the small veins
approaches 2 mmHg at the inlet to the left atrium. For both
arterioles and venules, volumetric flow rate decreases with
decreasing vessel radius.
For the small vessels, shear stress is predicted along the 𝛼
and 𝛽 branches. In both the small arteries and veins, smaller
vessel radius results in higher values for shear stress, which
follows Eq. (2.22), where we observe that the shear stress
is inversely proportional to the radius cubed. The 𝛽 -branch
has fewer vessels than the 𝛼-branch due to the asymmetric
set up of the structured tree. This results in the 𝛽-branch having higher flow and shear stress, as Eq. (2.22) demonstrates
the flow is proportional to shear stress (Fig. 4). For the small
vessels, we plot the TAWSS with respect to vessel radius and
observe that vessels with the smallest radii have the largest
TAWSS at approximately 30 g∕(cm ⋅ s2 ). This follows from
the fact that vessels with smaller radii have larger WSS. The
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small vessels have an OSI on a scale of 10−3, demonstrating
that the WSS is well-aligned with the TAWSS (Fig. 5).

4.2 Isolated post‑capillary pulmonary hypertension
case
We simulate Ipc-PH by increasing the left atrial filling pressure from 2 to 20 mmHg and subsequently decreasing cardiac output between 10 and 100% of its normotensive value.
4.2.1 Large vessels
We observe that increasing the left atrial filling pressure
propagates to the venous and arterial trees, increasing the
pressure in both. The mean pressure in the large arteries
becomes hypertensive when the left atrial pressure is higher
than 8 mmHg (Fig. 6). The venous pressure oscillates near
the imposed left atrial pressure. This is also the case for the
small arteries and veins (Fig. 6). Decreasing the cardiac output contributes to a decrease in pressure for both the arteries
and veins (Fig. 7).
We compute time-varying shear stress in the large arteries
and veins for the Ipc-PH case (Fig. 8). For the large vessels,
we compute WSS within the boundary layer at the midpoint of the MPA, RPA, and LPA, and the four large veins
(LIV, LSV, RSV, RIV). The maximum shear stress through
a cardiac cycle for the MPA, RPA, and LPA is 25 g∕(cm s2 ),
15 g∕(cm s2 ), and 10 g∕(cm s2 ). The maximum shear stress
through a cardiac cycle for the RIV, RSV, LIV, and LSV is
20 g∕(cm s2 ), 25 g∕(cm s2 ), 18 g∕(cm s2 ), and 23 g∕(cm s2 ).
When we increase left atrial pressure to simulate Ipc-PH, the
WSS decreases in each vessel (Fig. 8). Once there is a left
atrial pressure of 20 mmHg, we decrease the cardiac output
between 10 and 100% of the original inflow and observe a
further decrease in WSS (Fig. 9). The shape of the WSS
curve follows the volumetric flow through the cardiac cycle
since shear stress is proportional to flow. In addition, the values of WSS are inversely related to the radius of the vessel
(Equation 2.17). Thus, even though the arteries have larger
area than the veins, the shear stress values are in similar
ranges.
4.2.2 Small vessels
In the small vessels, increasing the left atrial pressure
contributes to an increase in pressure for both the arteries
and veins. Similar to large vessels, increasing left atrial
pressure leads to decreases in WSS. We also note that CS
increases with elevated left atrial pressure. CS in the small
arteries with radii between 0.8 mm and rmin decreases from
70% to approximately 10% in the case where we impose
a left atrial pressure of 20 mmHg. The venules have a
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Fig. 2  Predicted pressure (first
row), flow (second row), and
area (third row) at three locations along the large arteries,
MPA (first column), RPA (second column), and LPA (third
column), for left atrial pressure
of 2 mmHg and typical cardiac
output

Fig. 3  Predicted pressure (first
row), flow (second row), and
area (third row) at the four large
pulmonary veins, LIV (first
column), LSV (second column),
RSV (third column), and RIV
(fourth column) for left atrial
pressure of 2 mmHg and typical
cardiac output

CS that goes from 45 to 10% (Fig. 10). We combine an
elevated left atrial pressure of 20 mmHg with a reduced
cardiac output. In this case, we observe that pressure and
WSS decrease with decreasing cardiac output. We also
note that the cyclic stretch for the arteries decreases with
decreasing cardiac output. By contrast, the cyclic stretch
for the venules remains the same, despite decreasing cardiac output (Fig. 11).

5 Discussion
This study is the first to develop a multiscale network
model predicting WSS and CS in both large and small
arteries and veins in the normotensive and Ipc-PH adult
human pulmonary circulation. Our results show that the
large arteries have higher pressure and flow than the large
veins, as well as more pronounced changes in area throughout the cardiac cycle. In the small vessels, we see that as
vessel radius decreases, pressure decreases for arterioles
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Fig. 4  Predicted flows, pressure, and WSS for small arteries and
veins along the 𝛼 and 𝛽 branches of the structured tree. Arteries are
shown in the first column, and veins are shown in the second column
with results for the 𝛼 branch shown in the top row and results for the
Fig. 5  Time averaged wall shear
stress (TAWSS) and oscillatory
shear index (OSI) predictions
for large and small arteries.
Results for the large vessels
are shown in the top row. Here,
nodes represent the midpoint of
the vessel, length of the edges
represent distance between the
midpoints of successive vessels,
and terminal nodes represent
veins. Results for TAWSS and
OSI for the 𝛼 and 𝛽 branches of
the small arteries and veins are
shown in the bottom row
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𝛽 branch shown in the bottom row. The largest vessels are represented
by colored thick lines and as we move down the structured tree, the
smallest vessels are represented by thin black lines
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Fig. 6  Predicted pressure at the
midpoint of the large arteries
(MPA, RPA, LPA) and large
veins (RIV, RSV, LIV, LSV)
with an elevated left atrial filling pressure that ranges between
2 mmHg and 20 mmHg

Fig. 7  Predicted pressure at the
midpoint of the large arteries
(MPA, RPA, LPA) and large
veins (RIV, RSV, LIV, LSV)
with an elevated left atrial of 20
mmHg and a decreasing cardiac
output that ranges from 100 to
10% of the normotensive inflow

but increases for venules. As vessel radius decreases, we
also found that the volumetric flow decreases. Simulations show that WSS, TAWSS, and OSI generally increase
in both large and small vessels as radius decreases. CS
decreases in arterioles as radius decreases while increasing
in venules as radius decreases. When Ipc-PH is imposed
through increasing the left atrial filling pressure, we
observe increases in arterial and venous pressure as well
as increases in CS and decreases in WSS.
Our predictions of pressure, flow, and area in the large
arteries and veins agree with the literature (Qureshi et al.
2014). In the MPA, it has been shown that the systolic pressure is about 15–25 mmHg in healthy human adults with

the mean pressure at about 15 mmHg. (Boron and Boulpaep 2016; Olufsen et al. 2012; Mynard and Smolich 2015;
Wenger et al. 2010; Nauser and Stites 2001). The range in
the value of pressure throughout the cardiac cycle agrees
with Hall and Hall (2020), who reported that the mean pulmonary arterial pressure is about 16 mmHg. Our results for
the normotensive case (left atrial pressure of 2 mmHg) agree
with the reported lecture values for systolic and pulse pressure in the MPA. The pressure in the large veins follows the
shape of predicted pressure in Qureshi et al. (2014), where
the magnitude and variation in pressure remain low in the
veins. The pulmonary veins have lower pressure than the
arteries, which is depicted in our results and in literature
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Fig. 8  Shear stress using a
boundary layer formation along
three locations along the large
arteries (MPA, RPA, LPA) and
all four large veins for left atrial
pressure ranging from 2 mmHg
to 20 mmHg and normotensive
cardiac output

Fig. 9  Shear stress using a
boundary layer formation along
three locations along the large
arteries (MPA, RPA, LPA)
and all four large veins for left
atrial pressure of 20 mmHg and
decreasing cardiac output

(Gao and Raj 2005). In Gao and Raj’s study (2005), they
determined that under different levels of perfusate hematocrit and apparent viscosity, the large pulmonary arteries have
higher pressure than the large pulmonary veins.
There is a greater flow through the RPA than the LPA
because the RPA has a larger radius than the LPA; however,
total flow is conserved in each generation of vessels. We
also note that the flow through the RSV is larger than the
flow through the other veins because it is connected to the
RTA, which has a larger radius (0.80 cm) than the other
terminal arteries. Each of the large veins that we simulate
has smaller flow than the arteries, but this is expected due to
conservation of flow and the fact that there are four vessels
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in the generation of large veins that we observe. The smallest
venules have the largest pressure, which is still less than the
pressure in the arterioles. Veins have much lower pressure
than arteries, which is depicted in our results and in literature (Gao and Raj 2005). Chaliki et. al measured pulmonary arterial and venous pressure in mongrel dogs and found
that pulmonary venous pressure was lower than pulmonary
arterial pressure but higher than left atrial pressure. This is
expected due to the vein’s location between the pulmonary
artery and left atrium (Chaliki et al. 2002). In our model, left
atrial pressure is fixed at 2 mmHg for the normotensive case;
however, our results agree with that of Chaliki et al. (2002)
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Fig. 10  Mean flow, pressure, and cyclic stretch for the 𝛼 branch (left)
and 𝛽 branch (right) for small arteries and veins of the structured tree.
Here, the left atrial pressure ranges from 2 mmHg to 20 mmHg. The

gaps in the pressure plots are due to the minimum radius, rmin , that is
set in the model. There are fewer vessels in 𝛽 branch, which leads to a
larger gap being shown

Fig. 11  Mean flow, pressure, and cyclic stretch for the 𝛼 branch (left)
and 𝛽 branch (right) for small arteries and veins of the structured tree.
We impose a left atrial pressure of 20 mmHg and decrease the cardiac
output by scaling the measured inflow waveforms between 10 and

100%. The gaps in the pressure plots are due to the minimum radius,
rmin , that is set in the model. There are fewer vessels in 𝛽 branch,
which leads to a larger gap being shown

Several studies have used CFD models to predict WSS,
TAWSS, and OSI in large pulmonary arteries (Kheyfets et al.
2015; Tang et al. 2012; Yang et al. 2019; Zambrano et al.

2018). However, there has yet to be a study that investigates
how local WSS changes in the entire pulmonary vasculature
(Roux et al. 2020). In Yang et al. (2019), it was shown that
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WSS decreases in severe and moderate cases of pulmonary
hypertension as compared with control individuals in the
MPA, RPA, LPA, and branch PAs. PH patients usually present with a dilated MPA and maintain normotensive cardiac output before they have right ventricular failure (Yang
et al. 2019). Thus, the reduction in WSS in the proximal
pulmonary arteries is due to the enlargement of the MPA.
We also observe a reduction in WSS when simulating IpcPH; however, we do not enlarge the MPA radius and instead
simulate Ipc-PH by increasing left atrial pressure. In the
advanced stages of PH-LHF, decreased cardiac output contributes to a reduction in WSS as well. Several MRI studies
on PH patients found that the mean WSS is approximately
4–8 g∕(cm s2 ), which is similar to our TAWSS values in the
large vessels (Truong et al. 2013; Schäfer et al. 2017). As
the disease progressed, they observed that the values of WSS
climbed in the arterial tree toward the proximal vessels, suggesting a link between WSS and vascular remodeling in PH,
which is known to begin in the small arteries and spread to
larger arteries as the disease progresses (Postles et al. 2014).
Due to challenges of imaging and measuring flow in the
distal pulmonary vasculature, less is known about WSS in
the downstream vasculature, and computational approximations are relied upon to make predictions. Since WSS
is inversely proportional to the vessel radius cubed, WSS
increases significantly as the vessel radius decreases. Our
results show that WSS increases in the microcirculation
agreeing with recent findings reported in literature (Yang
et al. 2019; Kheyfets et al. 2015; Postles et al. 2014; Ghorishi et al. 2007; Allen et al. 2014). The results presented in
Kheyfets et al. (2015) and Yang et al. (2019) show that, in
general, WSS continues to increase for vessels in the downstream vasculature that have smaller vessels. More specifically, Yang et al. show that WSS in the distal PAs increased
significantly with decreasing vessel radius and that mean
WSS for segments between 100 and 500 μm increased to as
much as 116 g∕(cm s2 ). Although we model vessels up to a
radius of 7.5 μm , our WSS predictions follow their results,
and our WSS values go up to 100 g∕(cm s2 ) in our smallest vessels. In addition, results from Kheyfits et al. indicate that WSS increases drastically in vessels with smaller
diameter. Even though they bound their WSS calculations
to 50 g∕(cm s2 ) , they demonstrate that WSS is lowest in
the MPA and increases as flow propagates down the arterial tree (Kheyfets et al. 2015). Other mathematical models of the pulmonary vasculature reported high values of
shear stress in human and animal PH simulations, varying
between approximately 160 and 1000 g∕(cm s2 ) depending
on the model assumptions and geometry (Postles et al. 2014;
Ghorishi et al. 2007; Allen et al. 2014). This increase in
WSS in the microvasculature is due to a reduction in crosssectional area requiring more energy to transport the same
amount of flow through fewer and narrower vessels per unit
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time. In addition, we have that the 𝛽 -branch has fewer vessels than the 𝛼-branch with the same flow enforced. We see
that this leads to the 𝛽-branch displaying higher WSS, which
aligns with observations made in Yang et al. (2019).
It is important to note that our results for WSS and
TAWSS are based on geometry from CT images with specified inflow profile based on data in the large vessels, whereas
predictions made in the microvasculature are approximations
based on a structured tree. Therefore, the use of the structured tree model should be considered an estimation based
on our model assumptions, rather than a patient specific
evaluation. Different mathematical models will yield varying results; however, the general idea that WSS increases in
the distal vasculature and decreases with elevated left atrial
pressure holds. In addition, it has been observed that WSS
derived from an MRI are generally lower than WSS found
from CFD.
Many prior studies calculate WSS, TAWSS, and OSI
using 3D simulations, but here we use a 1D model to make
predictions. In Zambrano et al. (2018), it was reported that
TAWSS values are higher in the third generation of the pulmonary arteries as opposed to the first and second generations (Zambrano et al. 2018). Although our results are not
identical to those reported by Zambrano et al. our TAWSS
values follow the same pattern; they increase as vessel radius
decreases, and in the smallest vessels, Zambrano et al. report
a WSS value of 30 g∕(cm s2 ), which agrees with our findings in the large vessels. They also show that PH patients
have a reduction in TAWSS, consistent with our results. The
noted discrepancies between our study and Zambrano are
due to a difference in mathematical model used and shear
stress calculation. WSS can be calculated relative to undeformed or deformed radius, which can significantly change
values obtained. Our OSI is very small, indicating that the
WSS is largely aligned with the TAWSS. The MPA has an
OSI of approximately 0.017, and the OSI for subsequent
vessels decreases throughout the arterial and venous trees.
The LIV has the lowest OSI of about 0.0013. The OSI for
arterioles and venules are on the scale of 10−3. These values are lower than reports from Zambrano and Yang; however, the values follow a similar pattern of decreasing with
decreased vessel radius and increasing with PH-LHF. OSI
were reported with the normalized distance in MPA, RPA,
and LPA and throughout the three-dimensional vessels, and
we report the value at the midpoint of our 1D vessels, which
may contribute to the discrepancies that we observe. Discrepancies may also be due to data acquisition, geometry,
mathematical model used, and the fact that other studies
did not investigate these quantities in arterioles or venules.
To our knowledge, no previous studies have calculated
CS in the arterioles and venules using a CFD model. In the
context of our assumptions, our results demonstrate that
arterioles have a larger change in CS as radius decreases
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than venules. The vessels with smaller radius have smaller
CS due to the increase in stiffness as radius decreases (Equation 2.8). Although pulmonary veins have higher compliance than pulmonary arteries (Boron and Boulpaep 2016),
the change in pressure over a cardiac cycle for the veins is
smaller. Thus, the radii of the veins change less significantly,
resulting in smaller CS. Our results for venous CS are physiologically too high because we do not model the capillaries,
where dampening occurs.
Arteries and veins are composed of the same material
(elastin and collagen), and it is known that their material
properties differ from vessels in the systemic vasculature as
smooth muscle cells surround both small arteries and veins
(Townsley 2012). Several studies have reported that pulmonary veins are stiffer than the pulmonary arteries (Banks
et al. 1978; Wiener et al. 1966) and even though Krenz and
Dawson (2003) note that the vessel stiffness is constant
across scale, several newer studies (Townsley 2012; Stack
et al. 2014; Sicard et al. 2017) have found that vessels in the
microvasculature are stiffer than the large vessels. Therefore,
we chose to let small vessel stiffness Eh∕r0 increase with
decreasing radius. Moreover, to ensure smooth transition in
vessel stiffness from large to small vessels, values for k1 and
k3 are set such that vessel stiffness is the same in the terminal
large vessel and the root vessel of the structured tree. The
model parameters used to predict vessel stiffness are chosen
to provide appropriate qualitative behavior, but more work
is needed to identify appropriate parameter ranges for both
large and small pulmonary arteries and veins.
We impose a higher stiffness in the venules, which causes
a smaller deformation over a cardiac cycle. Krenz and Dawson (2003) demonstrated that the pulmonary wall structure
varies considerably from the MPA to the precapillary arteries, but noted that distensibility remains constant independent of vascular diameter and vessel wall composition.

5.1 Future developments and limitations
In the present study, we utilized a 1D CFD model that
connects large arteries and veins with geometry from segmented images to small vessels represented by structured
trees. We study conditions that correspond to a healthy
adult with a inflow profile that has a normotensive cardiac output and left atrial pressure of 2 mmHg. We also
elevate the left atrial filling pressure, ranging from 2 to 20
mmHg, and decrease cardiac output in order to simulate
Ipc-PH. We plan to further develop this study by including
additional conditions that correspond to Cpc-PH, which is
associated with remodeling of the vasculature. Increased
venous stiffness may contribute to Ipc-PH; however, our
simulations with increasing stiffness did not yield significant qualitative differences, so we chose to omit this.
Eslami et al. (2020) used a 3D model to study WSS and

deduced that flexible walls don’t change the results when
compared to completely rigid walls. We plan to further
analyze the impact of vessel elasticity on our model, but
believe that our results are reasonable when compared
to Eslami et al. (2020). Overall, analyzing results that
correspond to disease progression will allow us to further understand the mechanisms involved in PH-LHF
progression.
Another limitation of this study is that we neglect the
pulmonary capillaries. Currently, flow in the smallest
arterioles, venules, and capillaries (vessels with radius
less than 7.5 μ m ) are not modeled. It has been shown that
blood flow through the capillaries resembles a sheet due
to its dense and irregular pattern, making a structured tree
model unsuitable to simulate these regions. Future studies
will combine three models: large arteries and veins with
geometry from segmented images, small vessels represented by structured trees, and capillaries represented by
a sheet model (Fung and Sobin 1969).
We also do not account for the gravitational gradient
that impacts hemodynamics in the veins. Differences in
hydrostatic pressures impact distensibility of vessels, vascular resistance, and blood flow (Wieslander et al. 2019).
Because pulmonary veins lack smooth muscle, the vessel
wall compliance can be expected to be high and hence,
blood volume in the veins are sensitive to pressure changes
caused by the effects of gravity (Wieslander et al. 2019).
This study uses a 1D network model for predictions.
Several studies have compared pressure and flow predictions between 1D and 3D models (Blanco et al. 2018), but
to our knowledge, none of these studies compared 1D and
3D shear stress predictions. Adding a 3D model is beyond
the scope of this study, but future studies will aim to compare 1D and 3D shear stress predictions in the pulmonary
vasculature. Results may be of importance in regions with
significant secondary flows, for example in curved vessels
and in junctions. 3D computations may allow us to examine if 3D predictions are needed at all, in both large and
small vessels, or only in the large vessels. Finally, while
such simulations could be important, it should be noted
that differences between subjects are likely greater than
what is gained by adding detailed 3D predictions.

5.2 Conclusion
The in-silico computational fluid dynamics model presented
in this study is an important tool that provides a new way to
analyze and investigate hypotheses related to understanding
the physiological mechanisms underlying the progression
of pulmonary vascular diseases. We predict WSS and CS in
the large and small pulmonary arteries and veins, as these
quantities are believed to alter mechanical forces, which
in turn impact PH-LHF progression. We study pulmonary
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hemodynamics in a physiologically healthy individual as
well as one with Ipc-PH and find that WSS decreases and
CS increases in the presence of disease, confirming a link
between these quantities and remodeling. Prior to this study,
these forces had not yet been quantitatively defined in the
complete pulmonary vasculature for a healthy subject and
PH-LHF patient. Our results for a physiologically healthy
subject agree with previous studies, while also providing quantitative measurements for values not previously
predicted.

Appendix
As described in detail by Qureshi et al. (2014), for the
arterial and venous networks we define a relation between
pressure and flow at both ends of each vessel, and derive a
boundary condition that matches pressure and flow at the
terminal large arteries and veins. To do so, we compute the
admittance of each structured tree, relating pressure and flow
at the outlet of each large terminal artery to pressure and
flow at the inlet to the corresponding large terminal vein.
At each junction, we set up an admittance matrix satisfying
continuity of pressure and conservation of volume flux. The
total admittance is calculated by joining “junction” admittances in series and parallel as illustrated in Fig. 12.
Given the proximal and distal flow Q1 = Q(0, 𝜔) and
Q2 = Q(L, 𝜔), the admittance matrix is obtained by relating the flow and pressure at the proximal, x = 0, and distal,
x = L, ends of a vessel of radius r0 yielding
)
(
(
)( )
ig
Q1
−CL 1
P1
= 𝜔
(6.1)
Q2
1 − CL
P2
SL
where CL ≡ cos(𝜔L∕c), SL ≡ sin(𝜔L∕c), and
(
)
ig𝜔 −CL 1
𝐘(𝜔) =
1 − CL
SL

Fig. 12  Relationship between
flow and pressure via admittance 𝐘, 𝐘‖ and 𝐘⇔ for a single
vessel (a), vessels connected in
parallel (b), and vessels connected in series (c). Note that
𝐘 is the admittance for a single
vessel, 𝐘S is the admittance for
vessel S, and 𝐘S is the admittance for vessel T. Here, the
color blue represents deoxygenated arteries, and red represents
oxygen-rich veins
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is the admittance matrix for any one artery or vein when
𝜔 ≠ 0. For 𝜔 = 0, , we have
)
(
(
)( )
Q1
1 −1
P1
𝜋r4
=
.
(6.3)
Q2
1
P2
8𝜇L −1
and therefore
(
)
1 −1
𝜋r4
𝐘(0) =
.
1
8𝜇L −1

(6.4)

For two vessels (S and T) in parallel, continuity of pressure
between the inlet and outlet and conservation of volume flux
across the junction gives
�
�
� �
Q1
‖ P1
=𝐘
,
(6.5)
Q2
P2
where Q1 and Q2 denote the vessel inflow and outflow, P1
and P2 are the corresponding inlet and outlet pressure, and
𝐘‖ = 𝐘S + 𝐘T . We denote 𝐘S and 𝐘T as the admittances for
vessel S and T, respectively.
Similarly, for two vessels (S and T) connected in series
flow and pressure are related by

Qik =

2
∑

(6.6)

Ykli Pil

l=1

where i = S, T and k = 1, 2 with Ykl being the components
of the 2 × 2 admittance matrix. Assuming that P = PS2 = PT1
and QS2 = −QT1 at the junction of two vessels in series, the
system for the vessels is represented by
( S)
( S)
Q1
⇔ P1
=𝐘
(6.7)
QT2
PT2
where

(6.2)

1
𝐘 = S
×
T
Y22 + Y11
⇔

(

( )
)
S T
S T
det 𝐘S + Y11
Y11
− Y)12
Y12
(
S T
S T
−Y21
Y21
det 𝐘T + Y22
Y22

(6.8)
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is the admittance matrix. The symbol ⇔ denotes that the
vessels are joined in series.
To compute pressure and flow in the arterioles and
venules, we first prescribe the pressure from the terminal
large arteries or veins at the start of the structured tree, i.e.
PA (0, 𝜔) and PV (0, 𝜔). The corresponding flows are calculated using the grand admittance,

QA (0, 𝜔) = Y11 PA (0, 𝜔) + Y12 PV (0, 𝜔),
QV (0, 𝜔) = Y21 PA (0, 𝜔) + Y22 PV (0, 𝜔).
The small vessel pressure and flow at x = L are determined
by

Pj (L, 𝜔) = Pj (0, 𝜔)CL −

Qj (L, 𝜔) =

iSL j
Q (0, 𝜔),
g𝜔

)
ig𝜔 ( j
P (0, 𝜔) − CL Pj (L, 𝜔)
SL

(6.9)

(6.10)

for j = A, V and 𝜔 ≠ 0, whereas the zeroth frequency solutions are

Pj (L, 𝜔) = Pj (0, 𝜔) −

Qj (L, 𝜔) =

8𝜇L j
Q (0, 𝜔),
𝜋r4

)
𝜋r4 ( j
P (0, 𝜔) − Pj (L, 𝜔) .
8𝜇L

(6.11)

(6.12)
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