
PHYSICAL REVIEW FLUIDS 8, 053102 (2023)

Effects of elastoviscoplastic properties of mucus on airway closure in healthy
and pathological conditions
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Airway mucus is a complex material with both viscoelastic and viscoplastic properties
that vary with healthy and pathological conditions of the lung. In this study, the effects of
these conditions on airway closure are examined in a model problem, where an elastovis-
coplastic (EVP) single liquid layer lines the inner wall of a rigid pipe and surrounds the air
core. The EVP liquid layer is modelled using the Saramito-HB model. The parameters for
the model are obtained for the mucus in healthy, asthma, chronic obstructive pulmonary
disease (COPD), and cystic fibrosis (CF) conditions by fitting the rheological model to
the experimental data. Then the liquid plug formation is studied by varying the Laplace
number and undisturbed liquid film thickness. Airway closure is a surface-tension-driven
phenomenon that occurs when the ratio of the pulmonary liquid layer thickness to the
airway radius exceeds a certain threshold. In previous studies, it has been found that airway
epithelial cells can be lethally or sublethally damaged due to the high peak of the wall
stresses and stress gradients during the liquid plug formation. Here we demonstrate that
these stresses are also related to the EVP features of the liquid layer. Yielded zones of
the liquid layer are investigated for the different mucus conditions, and it is found that
the liquid layer is in a chiefly unyielded state before the closure, which indicates that this
phase is dominated by the elastic behavior and solvent viscosity. This is further confirmed
by showing that the elastic coefficient is one of the most critical parameters determining
whether the closure occurs. This parameter also largely affects the closure time. The wall
stresses are also investigated for the pathological and healthy cases. Their peaks for COPD
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and CF are found to be the highest due to the viscoelastic extra stress contribution. Contrary
to the Newtonian case, the wall stresses for COPD and CF do not smoothly relax after
closure, as they rather remain effectively almost as high as the Newtonian peak. Moreover,
the local normal wall stress gradients are smaller for the COPD and CF liquid layer due to
their higher stiffness causing a smaller curvature at the capillary wave. The local tangential
wall stress gradients are also shown to be smaller for these cases because of the slower
accumulation of the liquid at the bulge.

DOI: 10.1103/PhysRevFluids.8.053102

I. INTRODUCTION

The inner surface of airways is covered with a liquid film, called airway surface liquid (ASL).
The diameter of the airways decreases gradually from the trachea to the alveolar sacs, and this
can be characterized to leading order by the correlation a j = a02(− j/3) for the first 14 generations,
where a0 is the diameter of the trachea and a j is the diameter of the airway at jth generation [1].
The lung can be divided into two parts, which are the conducting and the respiratory zones. The
first 16 generations are the conducting zone that includes the trachea, the bronchi, the bronchioles
and the terminal bronchioles [2]. This section of the lungs is responsible for the transport of air to
the respiratory zone, so it forms the anatomic dead space [3]. After the terminal bronchioles, the
respiratory zone starts with respiratory bronchioles and ends with the alveolar sacs ( j = 23) [2].
The respiratory zone is the part of the lung, where gas exchange occurs in the alveoli.

Airway closure can occur due to a Plateau-Rayleigh instability when the ASL is too thick. This
phenomenon can be observed in healthy conditions whenever the lung volume is low and in diseased
conditions, such as asthma, pulmonary edema, and respiratory distress syndrome [4]. Gauglitz and
Radke [5] stated that for a clean rigid pipe, lined with a single-layer liquid, the critical thickness
to observe coalescence is h∗

c/a∗ ≈ 0.12, where h∗
c is the critical thickness of the liquid film and

a∗ is the radius of the pipe. Halpern and Grotberg [6,7] investigated the stability of a liquid film
lining an airway tube by considering the wall elasticity and surfactants. They concluded that the
increasing wall compliance decreases h∗

c , while surfactants increase it. Later, Halpern and Grotberg
[8] analyzed the effects of an oscillatory core flow on more viscous liquid film coating a rigid
cylinder. They found that the core flow can avoid liquid plug formation in a nonlinear fashion
by spreading back and forth the ASL. That is what they termed “reversing butter knife effect.”
Additionally, a compliant collapse can also be observed in certain situations, where fluid-elastic
instabilities arise [9]. If there is a liquid bridge formation without a structural collapse, it is called
film collapse [10].

For about the first 16 generations, ASL is a bilayer, where the sublayer is serous (serum) and the
top layer is mucus [11]. Although the serum predominantly shows Newtonian characteristics, airway
mucus is often reported as a highly non-Newtonian substance [12–14]. About 90–95% of airway
mucus comprises of water, and it is followed by high-molecular mucin glycoproteins with 2–5%
[15]. It additionally includes fractional amounts of lipids, salts, DNA, and cell debris [15]. This
mixture of materials gives airway mucus its structured form and thus its non-Newtonian features
[13].

The solid content of airway mucus is responsible for its viscoelastic and viscoplastic characteris-
tics. It was shown by Hill et al. [16] that these characteristics are directly proportional to the amount
of solid in mucus and consequently pulmonary diseases. For example, while solid concentration for
a normal pulmonary mucus is around 2 wt%, for a sample from a chronic obstructive pulmonary
disease (COPD) patient, it is almost 4%, and it can even go as high as 8% for a cystic fibrosis (CF)
patient [16]. Also Lafforgue et al. [17] correlated the rise in the solid concentration to the increase
of viscoplastic and shear-thinning features by fitting a Herschel-Bulkley model to their steady-state
data. This abnormal increase in the viscoelastic and viscoplastic characteristics is usually followed
by an increase in viscosity levels as well, and mucociliary clearance can eventually be compromised
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[18]. A direct result of this is the growth in the number of bacterial pathogens [13]. Additionally,
COPD, CF, and asthma can cause a mucus hypersecretion and obstruct the airway in lethal degrees
[18].

Rheology of the airway mucus samples obtained from healthy [19,20] and diseased subjects
[19,21–23] has also been studied extensively in the literature. These investigations provided strong
indications about viscoelasticity, viscoplasticity, and shear-thinning features and thus elastovis-
coplasticity of the pulmonary mucus. Elastoviscoplastic (EVP) fluids can be seen in many areas
of our lives from industry to nature. This fluid behavior involves a critical stress (yield stress),
above which material starts to flow and below which the behavior of the material is similar to that
of an elastic solid [24]. The existence of the yield stress causes a singularity in the deformation
of the material, and methods such as viscosity regularization, the augmented Lagrangian method,
and mapping of the yield surface to a fixed boundary have been used to overcome the resulting
difficulties in modeling [25].

Although simplified viscoplastic constitutive models have been extensively used in the literature,
behaviors of most of the real fluids cannot be described solely using variants of these models. For
example, the particle settling experiments on well-characterized yield-stress fluids [26–28] showed
that the fore-aft symmetry of the flow field, which was observed in the experiments with Newtonian
fluids and simulations with classical viscoplastic model assumptions, was lost [29]. Yield stress
fluids exhibited a flow asymmetry and a negative wake, i.e., an upward motion of the fluid in the
particle’s wake. This demonstrated that yield-stress fluids are rather more complex because of their
thixotropy and elasticity [28].

In order to include viscoelastic effects that is observed in some viscoplastic fluids, de Souza
Mendes [30] suggested a modification of lower-convected Jeffreys liquid, where viscosity, relax-
ation time, and retardation time are functions of the deformation rate. When the material yields, the
proposed constitutive equation reduces to the generalized Newtonian liquid constitutive equation.
Otherwise, the model reduces to the Jeffreys liquid constitutive equation. Bénito et al. [31] devel-
oped a fully tensorial continuous framework to describe the behavior of soft materials, which deform
substantially before yielding. After yielding, the material flows as a viscoelastic fluid. In their
work, where they studied the oscillatory pipe flow of a Carbopol solution, Park and Liu [32] both
carried out experiments to obtain the velocity fields and compared the results with the computational
solutions based on the EVP model that they proposed. They used an elastoviscoplastic rheological
model, where an elastic spring is serially connected to a regularized Bingham viscoplastic model
and found a good agreement with the experimental findings. Belblidia et al. [33] proposed another
constitutive law to take the elastoviscoplasticity into account. In their model, they built on the model
of Papanastasiou [34], and to include the viscoleastic effects, they used the Oldroyd-B model [35].

Based on the thermodynamic theory, Saramito [24] proposed a three-dimensional (3D) consti-
tutive model, which combines the Bingham viscoplastic and the Oldroyd-B viscoelastic models.
Accordingly, the behavior of the material is a viscoelastic solid before yielding, and when the stress
exceeds a critical level, the material behaves as a viscoelastic fluid. Here the von Mises criterion is
used to monitor the yielding. Later, this model is improved to include the shear-thinning behavior
by combining the Oldroyd viscoelastic and Herschel-Bulkley models [36]. Recently, Fraggedakis
et al. [25] compared five constitutive models (three variations of Saramito [24], Park and Liu [32],
and Belblidia et al. [33]) by performing series of tests, such as simple-shear, uniaxial elongation,
and large amplitude oscillatory tests and found that the Saramito variants outperformed the other
two models.

Liquid plug formation, propagation, and rupture exert potentially lethal mechanical stresses to
the airway wall, where airway epithelium lies [37–40]. The precoalescence dynamics of the airway
closure in a rigid tube lined by a single-layer Newtonian fluid has been studied experimentally and
numerically by Bian et al. [41] and Tai et al. [42], respectively. They both concluded that mechanical
stresses may reach to the levels marked dangerous for the airway epithelium by Bilek et al. [37] and
Huh et al. [39] during the plug formation. Later, Romanò et al. [43] investigated the whole closure
process, including the postclosure dynamics, by modeling the ASL as a single-layer Newtonian
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liquid film. They deduced that stress peaks occurring just after the coalescence, during bifrontal
plug growth, are responsible for high mechanical stresses exerted on the pulmonary epithelium. The
effects of the complex characteristics of the airway mucus on precoalescence dynamics were taken
into account by Halpern et al. [44] using lubrication approximations. In their study, they modelled
the ASL as a one-layer Oldroyd-B fluid and analyzed the effect of the Weissenberg number, Wi,
on the growth rate of the instabilities and the wall shear stress levels. Romanò et al. [45] recently
considered viscoelastic effects in a similar problem by using Oldroyd-B and FENE-CR models.
They showed that mucus viscoelasticity is responsible for the second peak of the wall shear stress
occurring after the coalescence, and this secondary peak can be as extreme as the first one for high
Laplace and Weissenberg numbers in a physiological range. Instability of an axisymmetric layer
of viscoplastic Bingham liquid coating the interior of a rigid tube is studied by Shemilt et al. [46].
This model represents the airway and takes into account the yield stress of mucus. Using long-wave
theory, they derived an evolution equation for the thickness of the liquid layer. They found that as
the capillary Bingham number increases, the critical layer thickness required to form a liquid plug
also increases. Recently, Erken et al. [47] studied this problem in a two-layer setting, where both
layers were Newtonian. The main findings were the enhanced instability of the system leading to
a sooner closure and the damping of the stresses, both of which were related to the existing of the
bottom (serous) layer. Moreover, the non-Newtonian effects of mucus have been studied in plug
propagation and rupture both numerically and experimentally [48–52], and it has been reported that
these features should be considered in airway models.

Airway mucus is a very complex material and exhibits a wide range of non-Newtonian char-
acteristics, such as viscoelasticity, viscoplasticity, shear-thinning, and thixotropy [12]. Therefore,
a mucus model that incorporates these features is needed to obtain more realistic results for the
airway closure. In this paper, the effects of the non-Newtonian characteristics of pulmonary mucus
on the airway closure problem have been investigated using the Saramito-HB model [36]. This
constitutive law is a combination of Oldroyd-B and Herschel-Bulkley models, with a power-law
index n > 0. The model parameters are determined by following a parameter fitting procedure
similar to that of Fraggedakis et al. [53] using the experimental results of Patarin et al. [19] for
the healthy, asthma, COPD, and CF airway mucus. To compare different pathological conditions of
the pulmonary mucus in different settings, extensive simulations are performed for varying surface
tension and initial liquid layer thickness. Here we study the airway closure problem in a single-layer
setting in order to isolate the effects of the EVP features of the mucus on the closure time and the
wall mechanical stresses. The system is further simplified by neglecting the wall deformation and
the surfactants. A similar framework was studied by Romanò et al. [45], where the liquid lining
was a viscoelastic fluid but they considered only the healthy conditions. Here we also include
viscoplastic and shear-thinning properties of mucus by utilizing the Saramito-HB model. To the
authors’ knowledge, effects of the mucus elastoviscoplasticity on airway closure have never been
studied so far.

The rest of the paper is organized as follows. Mathematical formulation and numerical method
are explained in Sec. II. Then the problem specifications, such as boundary conditions and parameter
intervals, are described in Sec. III. Section IV presents the rheological fitting and simulation results
by specifically focusing on the effects of different pathological conditions. Finally, the summary
and the conclusions of the study are given in Sec. V.

II. FORMULATION AND NUMERICAL METHOD

The governing equations are described in the context of the finite-difference–front-tracking
method [54]. Using a one-field formulation, a single set of incompressible momentum and continu-
ity equations is written in the whole computational domain. The interfacial effects are represented
as a body force in the momentum equation, and the jumps in the material properties for the different
phases are accounted for using an indicator (color) function. The equations are solved in their
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dimensional forms denoted by superscript “∗”. In the front-tracking framework, the momentum
and continuity equations yield

∂ρ∗u∗

∂t∗ + ∇∗ · (ρ∗u∗u∗) = − ∇∗ p∗ + ∇∗ · μ∗
l,S (∇∗u∗ + ∇∗u∗T ) + ∇∗·τ∗

+
∫

A∗
σ ∗κ∗nδ(x∗ − x∗

f )dA∗,
(1)

∇∗ · u∗ = 0, (2)

where t∗ is the time; u∗ is the velocity vector; p∗ is the pressure field; ρ∗ and μ∗
l,S are the

discontinuous density and solvent viscosity fields, respectively; and τ∗ represents the extra stress
tensor. Note that μ∗

l = μ∗
l,S + μ∗

l,P, where μ∗
l,P and μ∗

l are the polymer and total viscosities
of the liquid layer, respectively. The effect of the surface tension is represented as a body force
in the last term on the right-hand side of Eq. (1), where σ ∗ is the surface tension coefficient, κ∗
is twice the mean curvature, n is a unit vector normal to the interface, and A∗ is the surface area.
The surface tension acts only on the interface as indicated by the Dirac delta function δ, whose
arguments x∗ and x∗

f are the points at which the equation is evaluated and the point at the interface,
respectively. The gravitational effects are negligible within the asymptotic limit of a small Bond
number, i.e., Bo = g∗a∗2�ρ∗/σ ∗ � 1, where g∗ is the gravitational acceleration and �ρ∗ is the
difference between mucus and air densities. Since the airway flow of interest in the present study
falls in such a regime, the gravitational effects are neglected in Eq. (1).

The liquid layer is represented as a Saramito-HB fluid [36]. The EVP equations are solved
using the log-conformation method [55]. The extra stresses appearing in Eq. (1) are related to the
conformation tensor, B, that evolves by(

∂B
∂t∗ + u∗ · ∇B − B · ∇u∗ − ∇u∗T · B

)
= F

�∗ (I − B), (3)

where �∗ is the relaxation time. In the Saramito-HB model, the relaxation time and the polymeric
viscosity are given as �∗ = μ∗

l,P/G∗ and μ∗
l,P = K∗(L∗/U ∗)(1−n), respectively, where L∗, U ∗, G∗,

n, and K∗ are characteristic length and velocity scales, elastic modulus, power-law index, and
consistency parameter, respectively [36]. The Saramito-HB model can be represented by setting

the parameters of Eq. (3) to B = τ∗�∗/μ∗
l,P + I and F/�∗ = G∗max[0,

|τ∗d |−τ ∗
y

K∗|τ∗d |n ]
1
n [55,56], where

τ ∗
y is the yield stress and τ∗d is the deviatoric part of the stress tensor, and its magnitude is given as

| τ∗d |=
(

1

2
τ ∗d

i jτ
∗d

i j

) 1
2

. (4)

Once the conformation tensor is obtained from Eq. (3), the extra stress tensor is then computed

as τ∗ = μ∗
l,P

�∗ (B − I). Also, it is assumed that the material properties remain constant following a
fluid particle, i.e.,

Dρ∗

Dt∗ = 0,
Dμ∗

l,S

Dt∗ = 0,
DG∗

Dt∗ = 0,

Dτ ∗
y

Dt∗ = 0,
Dn

Dt∗ = 0,
DK∗

Dt∗ = 0,

(5)

where D/Dt∗ = (∂/∂t∗) + u∗ · ∇∗ is the material derivative. The material properties vary discon-
tinuously across the interfaces and are given, for example, for density ρ by

ρ∗ = ρ∗
g I (r, z, t ) + ρ∗

l [1 − I (r, z, t )], (6)

where the subscripts “g” and “l” denote the properties of the air core and the liquid layer, respec-
tively, and I is the indicator function having the values I = 0 in the liquid layer and I = 1 in the air
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core. All the other material properties, given in Eq. (5), are distributed in the same way across the
computational domain depending on the value of I .

The flow equations are written and solved in the context of the front-tracking or finite-difference
method [54]. This method contains two grids that are a stationary staggered Eulerian grid, where the
flow equations are solved to obtain the velocity, pressure, and extra stress fields, and a Lagrangian
grid, which is formed by marker points. The piece of the interface between two neighboring marker
points forms a front element. Both the marker points and the front elements are connected to form
the air-liquid interface. The material properties are distributed according to the location of the
interface (front) at the beginning of each time step according to Eq. (6). To compute the surface
tension at the centroids of the front elements, a third-order Legendre polynomial fit is used. Then
the surface tension is distributed smoothly onto Eulerian grid points to be added to the momentum
equations as a body force to account for the interfacial effects. At each time step, the local flow
velocity of the front is interpolated from the Eulerian grid, and the front is moved accordingly. The
communication between the Eulerian and the Lagrangian grids are accomplished by using Peskin’s
cosine distribution function [57].

To approximate the spatial derivatives, central differences are used, except for the convective
term in Eq. (3), where a fifth-order WENO-Z method is used. Time integration is accomplished by
the projection method developed by Chorin [58]. The method is first-order accurate in time, but
a second-order accuracy can easily be achieved by a predictor-corrector scheme as described by
Tryggvason et al. [59]. However, Muradoglu et al. [60] noted that for the first-order method in use,
the time-stepping error is smaller compared to the spatial error due to the tight restrictions of the
stability condition on the time step for the flow of interest in this study. Hence, the first-order method
is here employed.

The extra stress is calculated at each time step and added to the momentum equations to represent
the EVP effects [56]. To that end, the generic transport Eq. (3) is solved by changing its parameters
for the Saramito-HB model in use. For a detailed explanation of the numerical procedure on how this
equation is solved and extra stresses are handled, the reader is referred to Izbassarov and Muradoglu
[55].

The indicator function is calculated according to the location of the front at the beginning of each
time step as explained in Ref. [59]. For this purpose, a separable Poisson equation, resulting from the
divergence of the unit magnitude jumps calculated at the centers of the front elements and distributed
onto the neighboring Eulerian grid cells, is solved. Once the indicator function is computed in the
whole domain, the material properties are updated according to Eq. (6). Afterwards, the integration
is carried out according to these updated properties to obtain the velocity and pressure fields.

The density of marker points in the Lagrangian grid, thus the size of the front elements, is
monitored at each time step to prevent numerical inaccuracies and instabilities. Too-coarse a grid
can cause poor resolution of the interface, whereas too-dense a grid can cause unwanted wiggles.
Therefore, the front elements are kept between prespecified minimum and maximum sizes by
splitting large elements by adding new marker points or deleting small elements. During this
restructuring of the front, the curvature is considered by using a third-order Legendre interpolation
to preserve the smoothness of the interface.

In the front-tracking method, the marker points are explicitly tracked, so the topological change
must be implemented by changing the connectivity of the marker points in an appropriate way
Tryggvason et al. [59]. The procedure suggested by Olgac et al. [61] is used in the present study to
handle the topological change. Thus, the minimum distance between the interface and the symmetry
axis is monitored. When this falls below a prespecified minimum limit, lth, the front element that is
closest to the symmetry axis is removed, and the interface is connected to the symmetry axis. The
effects of this threshold value, lth, on the results are checked, and it is found that as long as lth is of
the order of the Eulerian grid size, the results are uninfluenced.

A detailed information about the front-tracking method can be found in Unverdi and Tryggvason
[54], Tryggvason et al. [59], and Tryggvason et al. [62]. The method has already been validated
successfully for an airway closure problem with a Newtonian single-layer case against the results of
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FIG. 1. (Left) The schematic illustration of a part of an airway. (Right) The illustration of the computational
domain. The axisymmetric rigid airway wall is lined with the EVP liquid layer, and the liquid layer is
surrounded by the air core inside. The length and the radius of the airway lumen is L∗

z and a∗, respectively.
The surface tension of the air-liquid interface is σ ∗. The radial location of the interface, which is perturbed
from its initial state to initiate the instability, is shown by R∗

I .

Romanò et al. [43], obtained by using volume-of-fluid (VOF) method and implemented in basilik
package [63]. The implementation of the Saramito-HB model is first validated against the analytical
solution of a single-phase laminar pipe flow given by Chaparian and Tammisola [64]. Saramito-HB
model reduces to Oldroyd-B model when n = 1 and τ ∗

y = 0 [36], so the implementation of the
non-Newtonian model is further validated against the results of Romanò et al. [45] for the airway
closure with a single-layer Oldroyd-B liquid. Although not included here, the results were found to
be in good agreement with those of Romanò et al. [45].

III. PROBLEM STATEMENT

A schematic of the problem is given in Fig. 1. The airway lumen, whose length and radius are
L∗

z and a∗, respectively, is axisymmetric around the centerline, and its wall is rigid. Here the air
core is modelled as a Newtonian fluid with constant properties, which are denoted by the subscript
“g”. On the other hand, the liquid layer is modelled as an EVP fluid, and its properties are denoted
by subscript “l”. The surface tension at the air-liquid interface, σ ∗, is assumed to be constant as
the other material properties of the air and the liquid film. The computational domain is periodic
at z∗ = 0 and z∗ = L∗

z , and no-slip boundary conditions are applied at the rigid wall. The liquid
layer is perturbed from its initial location, h∗, to initiate the instability, and the radial location of the
interface is given by

r∗ = R∗
I = a∗ − h∗[1 − 0.1 × cos(2πz∗/L∗

z )], (7)

where R∗
I is the radial location of the air-liquid interface and z∗ and r∗ are the axial and radial

coordinates, respectively.
The equations are solved in their dimensional form, as mentioned above, and the results are

presented in terms of nondimensional groups by making use of a capillary scaling, i.e., length, time,
velocity, and stresses are nondimensionalized by a∗, μ∗

l,Sa∗/σ ∗, σ ∗/μ∗
l,S , and σ ∗/a∗, respectively.

The resulting nondimensional parameters can be summarized as

La = ρ∗
l σ ∗a∗

μ∗
l,S

2 , Bi = τy = τ ∗
y a∗

σ ∗ , G = G∗a∗

σ ∗ , Wi = �∗σ ∗

a∗μ∗
l,S

,

ρ = ρ∗
g

ρ∗
l

, μ = μ∗
g

μ∗
l,S

, ε = h∗

a∗ , λ = L∗
z

a∗ ,

(8)
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where La, τy, G, ρ, μ, ε, and λ denote Laplace number, nondimensional yield stress, nondimensional
elastic modulus, gas-to-liquid density ratio, gas-to-liquid viscosity ratio, nondimensional initial film
thickness, and airway tube length-to-radius ratio, respectively; Bi is the Bingham number and Wi
is the Weissenberg number. Also μ∗

l,S and μ∗
g are the liquid solvent viscosity and the total gas

viscosity, respectively, and μ∗
l = μ∗

l,S + μ∗
l,P, where μ∗

l is the total liquid viscosity and μ∗
l,P is the

polymeric viscosity. In the Saramito-HB model, the relaxation time is defined as �∗ = μ∗
l,P/G∗.

Here μ∗
l,P = K∗( L∗

U ∗ )1−n, where L∗ is the length scale and U ∗ is the velocity scale.
The parameter ranges are determined to represent the 9th-to-10th generation of a typical adult

human lung. The airways can be compared to branching tubular trees, and the radii of these tubes
decrease at each generation [1]. The airway closure starts to be seen after 9th or 10th generation
because airway radii are not small enough in the earlier ones [65,66]. Thus, here, the airway radius
is taken as a∗ = 0.065 cm [67]. Also, it should be noted that a typical airway lumen has a length-to-
radius ratio of λ = 6 [68], so this value is used throughout this paper.

For a Newtonian one-layer liquid lining a clean rigid pipe, the liquid plug formation starts to
occur when h∗

c/a∗ � 0.12, where h∗
c/a∗ is the critical initial film thickness [5]. Accordingly, in this

study, the initial nondimensional film thickness, ε, is varied in the range of 0.25 � ε � 0.35 to
describe different intensities of mucus hypersecretion.

Romanò et al. [43] stated that the density of the single-layer liquid can be taken as ρ∗
l =

1000 kg/m3. Also, the solvent viscosity of the liquid layer is fixed at μ∗
l,S = 0.013 Pa s [42]. On the

other hand, to represent the surfactant-deficient conditions, three different surface tension values
are used, σ ∗ = 0.026 N/m, σ ∗ = 0.052 N/m, and σ ∗ = 0.078 N/m corresponding to La = 100,
La = 200, and La = 300, respectively [69,70].

The properties of the airway mucus are determined for the healthy, asthma, CF, and COPD cases
using the experimental data of Patarin et al. [19] to examine the effects of the pathological conditions
on the airway closure phenomenon. The EVP parameters of the liquid layer for these conditions are
extracted using a nonlinear regression, as explained in detail in Sec. IV A.

After the healthy, asthma, COPD, and CF conditions are compared, a parametric study is carried
out to see the effects of individual parameters of the Saramito-HB model. For this purpose, the
healthy case is taken as the baseline, and the elastic modulus G∗, the yield stress τ ∗

y , and the shear-
thinning index n are varied in a physiologically meaningful range. Hu et al. [49] stated that G∗ can
reach up to G∗ ≈ 200 Pa depending on the pathological conditions and the angular frequency. In
another study, they studied the plug rupture problem numerically by modeling the liquid film as a
Herschel-Bulkley fluid [50], where they varied τ ∗

y up to the extreme conditions τ ∗
y = 100 Pa. Based

on the work of Lafforgue et al. [17], n can also vary depending on the solid concentration of mucus.
By fitting a Herschel-Bulkley model to their experimental data on a mucus simulant proposed by
Zahm et al. [71], they found that 0.37 � n � 0.78. Therefore, in our parametric study, which is
omitted in this paper for brevity, the elastic modulus G∗, yield stress τ ∗

y , and power-law index n are
studied in the ranges of G∗ ∈ [0.094, 100] Pa, τ ∗

y ∈ [0.04, 100] Pa, and n ∈ [0.4, 1.0]. In terms of
the nondimensional quantities, these lead to G ∈ [0.0013, 2.5], τy ∈ [0.01, 2.5], and n ∈ [0.4, 1.0].
The rheological fitting for these parameters (explained in Sec. IV A) is performed within these
ranges as well.

IV. RESULTS AND DISCUSSION

First, the effects of pathological conditions of mucus are studied. In Sec. IV A, a parameter
fitting algorithm (similarly to Fraggedakis et al. [53]) is followed to obtain the parameters of the
Saramito-HB model for healthy, asthma, COPD, and CF mucus based on the experimental data of
Patarin et al. [19]. Afterwards, these mucus states are compared by varying ε and La to represent
different intensities of mucus hypersecretion and surfactant deficiency. Finally, a parametric study
is performed on the healthy mucus to see the individual effects of the parameters.

The computational domain is given in Fig. 1, and it has an axial length of L∗
z = 6a∗ and a radial

length of a∗. A uniform tensor-product structured grid is used in all simulations carried out. Grid
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convergence is checked, and it is found that a stretched Cartesian grid of 96 × 576 is enough to
reduce the spatial errors below 4%, for the wall shear stress excursion, �τw = max(τw) − min(τw),
the wall pressure excursion, �pw = max(pw) − min(pw), and the minimum core radius, Rmin. The
grid is stretched so that the radial grid size, �r, is three times smaller at the wall compared to the a
grid near the centerline.

A. Determination of rheological properties

In this section, the Saramito-HB model is fitted to the experimental data provided by Patarin et al.
[19], and the model parameters for the Saramito-HB model are obtained. In their set of experiments,
they collected mucus samples from healthy, asthma, COPD, and CF subjects and analyzed them in a
quite large strain amplitude interval by fixing the frequency to 0.6 Hz. Moreover, they presented the
evolution of elastic modulus (G′) and viscous modulus (G′′) by varying strain amplitude in a large
interval and concluded that these four different conditions have distinct rheological behaviors.

First, the Saramito-HB constitutive law is written in its 1D form as Fraggedakis et al. [25]
suggested

1

G∗
�
τ∗ + max

[
0,

| τ∗d | −τ ∗
y

K∗ | τ∗d |n
] 1

n

τ∗ = 2D∗, (9)

where G∗, τ ∗
y , n, and K∗ are the elastic modulus, the yield stress, the power-law index, and the

consistency parameter, respectively. | τ∗d | is the magnitude of the deviatoric part of the extra stress
tensor, τ∗, and its definition is given in (4). The symbol “�” above τ∗ denotes the upper-convected
Maxwell derivative, and, finally, D∗ is the deformation tensor, which is defined as D∗ = 1

2 [(∇∗u∗) +
(∇∗u∗)T ]. According to Eq. (9), the material exhibits a shear-thinning behavior when 0 < n < 1 and
an unusual shear-thickening behavior when n > 1 [36].

Then the equation is solved according to its simple shear solution. In LAOStrain, strain-
controlled Large amplitude oscillatory shear (LAOS) test [72,73], the input strain is given by

γ = γosin(ω∗t∗), (10)

where ω∗ is the input angular frequency. However, it should be noted that the Saramito-HB model
does not take the strain as an input, so the strain rate is defined as γ̇ = ∂tγ and it is computed by
taking the time derivative of the strain input. The input velocity field is defined as the simple shear
flow

u∗ = (γ̇ ∗(t∗)y∗, 0, 0) (11)

Before starting with the nonlinear regression, the yield stress, τ ∗
y , of the material is obtained by

a method proposed by Yang et al. [74]. This method suggests that the in-phase stress component
is given by τ ′ = G′γo. When this stress component is plotted against the varying strain amplitudes,
the maximum value that the in-phase stress component attains is the yield stress of the material, i.e.,
the stress, at which structural breakdown occurs. The variation of τ ′ by γo% is given in Fig. 2. The
yield stresses found following this method are given in Table I. After the yield stresses are obtained
for the four types of mucus samples, then the fitting is done for the remaining three parameters (G∗,
n, and K∗). Note that for the COPD case, there is not a conclusive yield stress from this method, so
for this condition of mucus, the yield stress value is taken from Table 2 of Patarin et al. [19] (σc for
COPD, spontaneous case, where no induction is necessary for patients to expectorate sputum).

For the fitting procedure, a cost function is used to determine the best possible fitting to the
experimental data. As the cost function, a modified version of Fraggedakis et al. [53] is used, which
is

Cost(G∗, n, K∗) =
M∑

i=1

⎛
⎝

[
G′

fit

G′
exp

− 1

]2

+
[

G′′
fit

G′′
exp

− 1

]2
⎞
⎠, (12)

053102-9



O. ERKEN et al.

FIG. 2. The in-phase stress component vs. strain amplitude, γo for healthy, asthma, COPD, and CF mucus.

where M is the number of strain amplitude values measured for each mucus condition.
The steps of the fitting algorithm can be summarized as follows:
(1) Initial G∗, n, and K∗ are assumed (τ ∗

y is determined beforehand, as explained above).
(2) At each strain amplitude, the resulting stress response is analyzed by using Fourier transform

rheology.
(3) G′ and G′′ are obtained for the assumed model parameters and the given strain amplitude.
(4) The cost value is calculated from (12).
(5) If the cost function reaches its local minimum, then the algorithm stops and G∗, n, and K∗

are obtained. Otherwise, the values at the first step are modified and the algorithm runs until a local
minimum is reached. To solve this minimization problem Matlab’s [75] “fmincon” function is used.

The results of the fitting processes for the four conditions (healthy, asthma, COPD, and CF)
are given in Table I. It is clearly seen that the CF mucus displays the most elastic characteristics in
contrast with the healthy mucus. The experiments on mucus simulants [17] and real mucus collected

TABLE I. The parameters of the Saramito-HB model determined by performing a rheological fitting
procedure to the experimental results of Patarin et al. [19].}

Healthy Asthma COPD CF

G∗ (Pa) 0.094 0.105 1.155 2.109
τ ∗

y (Pa) 0.476 1.186 11.77a 6.830
n 0.552 0.331 0.752 0.513
K∗ (Pa sn) 0.124 1.037 1.056 1.701
GLa=100 2.350 × 10−3 2.625 × 10−3 2.887 × 10−2 5.272 × 10−2

GLa=200 1.175 × 10−3 1.312 × 10−3 1.444 × 10−2 2.636 × 10−2

GLa=300 7.833 × 10−4 8.750 × 10−4 9.625 × 10−3 1.757 × 10−2

WiLa=100 111.1 141.0 383.8 49.66
WiLa=200 162.9 177.3 646.4 70.87
WiLa=300 203.8 202.8 876.9 87.26
BiLa=100 = τy,La=100 1.189 × 10−2 2.965 × 10−2 2.942 × 10−1 1.707 × 10−1

BiLa=200 = τy,La=200 5.950 × 10−3 1.482 × 10−2 1.471 × 10−1 8.537 × 10−2

BiLa=300 = τy,La=300 3.967 × 10−3 9.883 × 10−3 9.808 × 10−2 5.692 × 10−2

aFrom Table 2 of Patarin et al. [19] (σc for COPD, spontaneous case).
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FIG. 3. The viscoelastic moduli, G′ and G′′ vs. strain amplitude, γo% for asthma, healthy, COPD, and CF
mucus. The solid lines represent the viscoelastic moduli obtained after performing a parameter fitting to the
experimental data of Patarin et al. [19], whose results are denoted by symbols. The vertical dashed black line
represents the yield strain amplitude for each case.

from subjects [16] have shown that the mucus yield stress increases in the pathological conditions.
The present results are consistent with this finding, and they are in line with the critical stresses
presented in Patarin et al. [19].

The resulting G′ and G′′ plotted against the strain amplitude, γo%, are depicted in Fig. 3. As seen
from the vanishing G′′ and constant G′, the Saramito-HB model predicts an ideal solid response until
the material yields. This problem could be alleviated by using a kinematic hardening model, which
predicts nonzero G′′ prior to yielding [53]. However, as will be shown in the following sections,
mucus adherent to the wall already yields just before and after the closure, when stress peaks
occur, except extremely high-yield-stress cases (e.g., τy = 2.5). Therefore, the kinematic hardening
concept is not included in the EVP model in the present study, and this is the reason the markers
for G′′ are grayed out in the unyielded region in Fig. 3. Furthermore, the experimental results of
airway mucus rheology are usually prone to some problems such as saliva contamination [76],
effect of hypertonic saline solution (HSS) induction [19], and small quantities of samples that can
be obtained [77]. These should be remembered when analyzing such experimental studies on airway
mucus samples.

B. Yielded zones for the healthy and the pathological conditions

Table I shows that healthy, asthma, COPD, and CF mucus have different EVP characteristics. G∗
and τ ∗

y of COPD and CF mucus samples are almost an order of magnitude larger than those of the
healthy and asthma cases. Therefore in this section, the yielded zones are compared during an airway
closure process of these cases with the parameters obtained in Sec. IV A. In all cases, ε = 0.35 and
La = 300 are chosen to induce airway closure for COPD and CF cases, where otherwise strong
EVP characteristics inhibit the growth of the capillary instability that leads to airway closure. To
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FIG. 4. Comparison of yield zones between healthy (left-hand side of each panel) and asthma (right-hand
side of each panel). Air is represented by light red. Yielded and unyielded regions of the liquid layer represented
by yellow and blue, respectively. For EVP parameters of the liquid layer, see Table I (λ = 6, ε = 0.35, and
La = 300).

determine the unyielded regions, a similar logic as Chaparian et al. [78] is used, so a criterion of

max[0,
|τ∗d |−τ ∗

y

K∗|τ∗d |n ](1/n) < 10−3 is set. The threshold of 10−3 is determined so that going lower than
that does not alter the results substantially, but it prevents wiggles, which would be caused by the
numerical nature of the study.

Figures 4–6 show how yielded and unyielded zones evolve with airway closure. In each figure,
the left-hand side is the healthy case, and the right-hand sides are asthma, CF, and COPD cases,
respectively. Newtonian air is represented by light red, and yielded and unyielded zones in EVP
liquid layer are represented by yellow and blue, respectively. Snapshots are taken to show how
yielded zones evolve with the deformation of the air-liquid interface, so there are three snapshots
before and three after the closure event for each comparison.
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FIG. 5. Comparison of yield zones between healthy (left-hand side of each panel) and COPD (right-hand
side of each panel) mucus. Air is represented by light red. Yielded and unyielded regions of the liquid layer
re represented by yellow and blue, respectively. For EVP parameters of the liquid layer, see Table I (λ = 6,
ε = 0.35, and La = 300).

First, the healthy and asthma mucus are compared in Fig. 4. As shown, EVP characteristics of
these conditions are closer compared to that of the other two cases. The elastic modulus of the
asthma mucus is 11.7% more than that of healthy case, and its yield stress is more than double.
Here having a similar G enables them to have almost the same nondimensional closure time (tc),
but due to its higher τy, much less mucus yields during the plug formation in the asthma mucus.
The EVP liquid layer is mainly in unyielded state especially before the breakup, so the bulk fluid
is mainly affected by the elastic behavior and solvent viscosity. Although it could not have been
included in this paper due to brevity, this has been confirmed in a parametric study, where τ ∗

y and
G∗ of the material has been individually varied in our parameter range, and it has been found that G∗
is the most significant parameter responsible for the closure time. This study has showed that even
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FIG. 6. Comparison of yield zones between healthy (left-hand side of each panel) and CF (right-hand
side of each panel) mucus. Air is represented by light red. Yielded and unyielded regions of the liquid layer
re represented by yellow and blue, respectively. For EVP parameters of the liquid layer, see Table I (λ = 6,
ε = 0.35, and La = 300).

for the maximum value of yield stress in our parameter range, the closure occurred with a negligible
delay, although there was no yielded regions. The liquid layer was able to bend as an elastic solid
when G was not significantly large. Moreover, in both the healthy and asthma cases, yielded zones
concentrate at the plug tip and near the wall close to the shoulder, where shear stresses prevail.

Then, the healthy and COPD mucus cases are compared in Fig. 5. The rheological fitting in
Sec. IV A resulted in an order of magnitude larger τy and G for COPD mucus than healthy one.
Larger G of the COPD mucus results in a �tc = 38.5 difference between the nondimensional closure
times of these cases due to increased stiffness of the mucus. This finding is consistent with the
previous interpretation from Romanò et al. [45], where it was shown that Wi has a significant impact
on the closure time (note that Wi is inversely proportional to G). Furthermore, the COPD mucus has
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FIG. 7. The effects of pathological conditions for La = 100. The initial film thickness ε is also varied in
each panel. Time evolutions of the wall shear stress excursions �τw = max(τw) − min(τw) (top left), the
maximum absolute value of the wall shear stress gradient |∂zτw|max (top right), the wall pressure excursions
�pw = max(pw) − min(pw) (bottom left), and the maximum absolute value of the wall pressure gradient
|∂z pw|max (bottom right) for asthma (black lines), CF (magenta lines), COPD (blue lines), healthy (green lines),
and Newtonian (cyan lines) cases for ε = 0.25 (solid lines), ε = 0.30 (dashed lines), and ε = 0.35 (dotted
lines). Note that the nondimensional time t is divided by La to eliminate the effect of surface tension, σ ∗, on
the time scaling for a better interpretation of the results. The stress excursions and gradients �τw , |∂zτw|max,
�pw , and |∂z pw|max are also rescaled by La for the same purpose.

smaller yielded zone due to its higher τy, and these are located at the bulge tip and just behind the
shoulder as in the previous case, since shear stresses are larger in these regions.

Finally, Fig. 6 compares the yielded zones of healthy and CF mucus during the closure. Here
the CF mucus behaves somewhat counterintuitively compared to the other cases because despite its
larger τy, it has a larger yielded zone compared to the healthy case. However, it should be noted that
its G is also 82.6% larger than that of the COPD case, so actually the COPD and CF cases have
fairly different Weissenberg numbers (WiCF = 87.26 and WiCOPD = 876.9, see Table I). Izbassarov
and Tammisola [79] presented a complete yielding regime map for an EVP droplet in a Newtonian
medium in a certain Wi and Bi interval. They showed that when Wi of the droplet decreases (G
increases), it can yield even at higher Bi. Therefore, it would be interesting to further study the
interplay between Wi and Bi in yielded regions in this interfacial instability problem.

C. Effect of pathological conditions

The healthy, asthma, COPD, CF, and Newtonian conditions are compared in terms of wall
shear stress and pressure excursions and their local gradients. The EVP parameters obtained in
Sec. IV A are used to simulate the healthy, asthma, COPD, and CF mucus. Newtonian case is also
simulated just to compare how the EVP characteristics of the liquid layer affect the mechanical
stresses. Furthermore, ε and La are varied to study conditions, such as mucus hypersecretion
and surfactant deficiency, and also to induce the closure for highly viscoplastic cases. The results
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FIG. 8. Evolution of wall tangential stress excursion, �τw = max(τw) − min(τw), which consists of
Newtonian (�τN ) and extrastress (�S) components, for La = 100 and ε = 0.25 (top), ε = 0.30 (middle), and
ε = 0.35 (bottom) for asthma (black lines), CF (magenta lines), COPD (blue lines), healthy (green lines),
and Newtonian (cyan lines) cases. The wall tangential stress excursion �τw and its Newtonian �τN and
extrastress �S components are represented by solid, dashed, and dotted lines, respectively. Note that the
nondimensional time, t , is divided by La to eliminate the effect of surface tension, σ ∗, on the timescaling
for a better interpretation of the results. Stress excursion values are also rescaled by La for the same purpose.

of this section are presented in the following three subsections, where La = 100, La = 200, and
La = 300, respectively.

1. La = 100

The conditions in this section describe a part of an airway with relatively normal surfactant
activity with increasingly severe mucus hypersecretion for asthma, CF, COPD, healthy, and New-
tonian liquid layers. However, it should be noted that the full surfactant effects are not included
in the present study, and the terminology here is intended to represent the surfactant activity in an
average sense. We mimic the surfactant effects by varying the mean air-liquid surface tension as
a decrease of the mean surfactant concentration (surfactant deficiency) causes an increase in the
mean surface tension, hence the Laplace number, La. In Fig. 7, wall tangential and normal stress
local gradients, as well as the stress excursions are depicted for La = 100 for ε = 0.25, ε = 0.30,
and ε = 0.35. Mechanical stresses and nondimensional time (t) are rescaled by La to eliminate the
effect of surface tension in the original scaling and to better interpret the results. It is seen that strong
EVP features of CF and COPD mucus inhibit airway closure at this La value. The maximum values
of the stress peaks for the healthy and asthma cases are almost the same regardless of ε, since these
initial stress peaks are mostly related to the Newtonian nature of the liquid [45]. We moreover note
that tc moves closer and converges to the Newtonian case in both healthy and asthma cases as ε
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FIG. 9. The effects of pathological conditions for La = 200. The initial film thickness ε is also varied in
each panel. Time evolutions of the wall shear stress excursions �τw = max(τw) − min(τw) (top left), the
maximum absolute value of the wall shear stress gradient |∂zτw|max (top right), the wall pressure excursions
�pw = max(pw) − min(pw) (bottom left), and the maximum absolute value of the wall pressure gradient
|∂z pw|max (bottom right) for asthma (black lines), CF (magenta lines), COPD (blue lines), healthy (green lines),
and Newtonian (cyan lines) cases for ε = 0.25 (solid lines), ε = 0.30 (dashed lines), and ε = 0.35 (dotted
lines). Note that the nondimensional time t is divided by La to eliminate the effect of surface tension, σ ∗, on
the timescaling for a better interpretation of the results. The stress excursions and gradients �τw , |∂zτw|max,
�pw , and |∂z pw|max are also rescaled by La for the same purpose.

increases indicating that the effect of pathological conditions on the closure time diminishes as the
initial liquid layer thickness increases.

Shear stress excursion, �τw, is decomposed into its extrastress, �S, and Newtonian, �τN ,
components in Fig. 8. As it was discussed earlier, the healthy and asthma mucus have weak
viscoelastic and viscoplastic characteristics, so except for a minor increase in �S after the closure,
there is no significant effect of them on the postcoalescence dynamics. Also, initial peak is almost
solely due to the Newtonian component, as it was also pointed out by Romanò et al. [45].

2. La = 200

After studying the airway closure in La = 100, the surface tension of the air-liquid interface
is increased, and the system is analyzed when La = 200. The results are presented in the same
fashion as in the previous subsection. Figure 9 shows that closure times for the healthy, asthma, and
Newtonian cases are short, and the stresses are higher compared to the La = 100 case as expected.
However, the biggest difference is that there is a liquid plug formation for the COPD mucus at this
condition, but its closure is slower compared to the healthy and asthma cases due to its higher G.
Its tangential and normal stress excursion peaks are around the same compared to the other cases,
where closure occurs. However, the local gradients of these stresses are significantly lower. This
will be discussed in Sec. IV C 4.
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FIG. 10. Evolution of wall tangential stress excursion, �τw = max(τw) − min(τw), which consists of
Newtonian (�τN ) and extrastress (�S) components, for La = 200 and ε = 0.25 (top), ε = 0.30 (middle), and
ε = 0.35 (bottom) for asthma (black lines), CF (magenta lines), COPD (blue lines), healthy (green lines),
and Newtonian (cyan lines) cases. The wall tangential stress excursion �τw and its Newtonian �τN and
extrastress �S components are represented by solid, dashed, and dotted lines, respectively. Note that the
nondimensional time, t , is divided by La to eliminate the effect of surface tension, σ ∗, on the timescaling
for a better interpretation of the results. Stress excursion values are also rescaled by La for the same purpose.

The tangential wall stress excursion is decomposed into its Newtonian and extra stress compo-
nents for this case as well as in Fig. 10. For the less EVP cases (healthy and asthma), the contribution
of extra stress to the total �τw is very low as in La = 100. However, for the COPD mucus the
initial peak increases almost by 30% due to the increase in the extra stress contribution to the total
tangential stress excursion on the wall. This indicates that in highly EVP mucus, the peak of the
stresses may not be solely due to the Newtonian contribution, but also to the extra stress contribution.
The extra stress keeps growing as the Newtonian component relaxes after the closure. Another major
point for COPD closure is that extra stress persists after the closure, and its magnitude is around the
same levels as the Newtonian peak. This suggests that highly EVP mucus damages the cells on the
respiratory wall continuously, which is opposite to the Newtonian case, where the stresses relax to
lower levels after reaching their peak values.

3. La = 300

To investigate the closure for surfactant-deficient conditions, σ ∗ is increased further, and the
results are presented in Fig. 11. The trends for tc and the peaks of stresses seen in La = 200 case
continue for La = 300 as well. However, due to the extreme conditions for La and ε, the COPD
mucus forms a plug at ε = 0.30 and ε = 0.35, and the CF mucus also forms a plug at ε = 0.35. The
closure time tc of the CF mucus is slightly delayed, but its peaks for �τw and �pw are around the
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FIG. 11. The effects of pathological conditions for La = 300. The initial film thickness ε is also varied
in each panel. Time evolutions of the wall shear stress excursions �τw = max(τw) − min(τw) (top left), the
maximum absolute value of the wall shear stress gradient |∂zτw|max (top right), the wall pressure excursions
�pw = max(pw) − min(pw) (bottom left), and the maximum absolute value of the wall pressure gradient
|∂z pw|max (bottom right) for asthma (black lines), CF (magenta lines), COPD (blue lines), healthy (green lines),
and Newtonian (cyan lines) cases for ε = 0.25 (solid lines), ε = 0.30 (dashed lines), and ε = 0.35 (dotted
lines). Note that the nondimensional time t is divided by La to eliminate the effect of surface tension, σ ∗, on
the timescaling for a better interpretation of the results. The stress excursions and gradients �τw , |∂zτw|max,
�pw , and |∂z pw|max are also rescaled by La for the same purpose.

same levels compared to the other cases. Furthermore, tangential and normal local stress gradients
are lower as it was seen in Fig. 9 for the COPD mucus.

The extra stress contribution is also checked for the La = 300 case in Fig. 12. The results show
similar characteristics to the La = 200 case. However, there are two important points to note. The
first one is that extra stress component almost doubles the initial peak for the CF mucus. After
the peak, the stress relaxes very slowly compared to the healthy and asthma conditions. The second
point is that the stresses in the CF mucus relaxes unlike the COPD mucus, where extra stress persists
for the entire duration of the simulation. The COPD mucus has higher τy than that of the CF mucus,
therefore it is interpreted that this makes the relaxation of the stresses more difficult, and as a result,
the airway epithelial cells are exposed to high levels of stress excursions as long as the plug exists.
This phenomenon has not been observed by the viscoelastic simulations of Romanò et al. [45],
where they reported a secondary peak of the stresses after relaxation from the initial Newtonian
peak.

4. Detailed analysis of the lower local stress gradients in the CF and COPD conditions

To further analyze the lower peak of |∂zτw|max and |∂z pw|max for the COPD and CF mucus cases
observed in Figs. 9 and 11, their pressure and velocity fields are plotted in Fig. 13. The pressure
contours are plotted on the right-hand side of each panel, and the velocity vectors are plotted on the
left-hand side. Also, the top and bottom rows represent the healthy and CF mucus cases, respectively.
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FIG. 12. Evolution of wall tangential stress excursion, �τw = max(τw) − min(τw), which consists of
Newtonian (�τN ) and extrastress (�S) components, for La = 300 and ε = 0.25 (top), ε = 0.30 (middle), and
ε = 0.35 (bottom) for asthma (black lines), CF (magenta lines), COPD (blue lines), healthy (green lines),
and Newtonian (cyan lines) cases. The wall tangential stress excursion �τw and its Newtonian �τN and
extrastress �S components are represented by solid, dashed, and dotted lines, respectively. Note that the
nondimensional time, t , is divided by La to eliminate the effect of surface tension, σ ∗, on the timescaling
for a better interpretation of the results. Stress excursion values are also rescaled by La for the same purpose.

Romanò et al. [43] stated that the peak of the local normal stress gradient is related to the capillary
wave formed after the plug formation. When the air-liquid interface is compared between the healthy
and the CF cases, it can be seen that the curvature formed by the healthy case is larger than that of
the CF case (especially top-right and bottom-right snapshots). The larger elastic modulus of CF
mucus makes the liquid layer stiffer, so its interface has a lower curvature compared to that of the
healthy one. This can also be confirmed by the higher pressure gradient around the shoulder of the
healthy mucus compared to the CF case.

This analysis is quantified in Fig. 14 by plotting the time evolution of the minimum and maximum
core radius of air-liquid interface (Rmin and Rmax), and the mucus layer volume between the
nondimensional axial locations of z = 1.3 and z = 4.7 (V ) for the healthy, asthma, COPD, CF,
and Newtonian cases. It should be noted that where Rmax is the highest, the liquid layer thickness
is the smallest. The figure clearly shows that the maximum value of Rmax is smaller for the COPD
and CF mucus cases, so this confirms that the air-liquid interface does not bend easily, and forms a
capillary wave with a smaller curvature in these cases. Hence, the result is lower local normal and
tangential stress peaks. This is also in agreement with the asymptotic theory for a Bretherton bubble
[80] as Romanò et al. [81] pointed out, i.e., ∂z pw ≈ −ε∂3

z (1 − RI ).
Another important point is that the higher G of the COPD and CF mucus cases slow down the

liquid accumulation at the center, thus making the whole process slower. This slower rate of liquid
transfer to the liquid bulge results in lower velocity gradient around the wall, and consequently,
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FIG. 13. Evolution of the interfaces (solid magenta lines) with constant contours of the pressure field (right
portion of each subplot) and the velocity vectors (left portion of each subplot) for the healthy and the CF mucus
(La = 300 and ε = 0.35).

lower local shear stress gradients. A similar smearing effect has also been related to the increase of
viscosity of the liquid layer before [43,47].

V. SUMMARY AND CONCLUSIONS

The effects of the non-Newtonian characteristics of the mucus on airway closure have been
studied in a model problem, where an EVP liquid layer coats inside of a rigid pipe and surrounds
the air core. The rheological properties of the EVP liquid layer have been determined by fitting the
Saramito-HB model to the experimental data for the healthy, asthma, COPD, and CF mucus cases
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FIG. 14. Time evolution of the minimum and maximum core radius of air-liquid interface (Rmin and Rmax),
and the mucus layer volume between the nondimensional axial locations of z = 1.3 and z = 4.7 (V ) for healthy,
asthma, COPD, CF, and Newtonian cases. The closure times are denoted by a black vertical solid line for each
case. Note that the nondimensional time, t , is divided by La to eliminate the effect of surface tension, σ ∗, on
the timescaling for a better interpretation of the results (La = 300 and ε = 0.35).

[19]. These mucus conditions are studied in varying Laplace number and initial mucus thickness
conditions, and the possible effects on the wall stresses are analyzed.

First, the EVP parameters for four different conditions of airway mucus have been obtained by
rheological fitting process similar to Fraggedakis et al. [25]. Here the viscoelastic moduli G′ and G′′
are fitted to the experimental data by Patarin et al. [19], and the EVP model parameters G∗, n, K∗,
and τ ∗

y are determined for the healthy, asthma, COPD and CF cases. These parameters are used to
examine the effects of the pathological conditions.

Yielded zones of asthma, COPD, and CF mucus are compared against the healthy one in both
pre- and postcoalescence phases. In this comparison, it is found that the slightly higher τ ∗

y of the
asthma mucus causes less yielding during the closure. However, the profile of the yielded zones
are very similar in both cases, and concentrated at the bulge tip and at the wall near the shoulder,
where the tangential stresses are larger. On the other hand, the COPD mucus is an order of magnitude
larger τ ∗

y and G∗ than those of the healthy mucus. The larger G∗ results in a significant delay of
the closure, while the larger τ ∗

y increases the quantity of unyielded mucus, and results in a more
solidlike behavior. Last, the comparison is made between the healthy and the CF conditions. Here it
is shown that the CF mucus has considerably larger yielded regions than that of the healthy one. This
counterintuitive behavior is attributed to the much larger elastic modulus of the CF mucus compared
to the COPD mucus, which alters the Weissenberg number of both layers significantly. A similar
behavior is reported by Izbassarov and Tammisola [79] for an EVP droplet in a Newtonian medium.
In all cases, the EVP liquid layer is predominantly in unyielded state before the breakup suggesting
that the elastic behavior and solvent viscosity are the main factors affecting the bulk fluid behavior
before the closure.

Afterwards, the effect of the pathological conditions on the wall stresses are analyzed by varying
surface tension (Laplace number) and initial mucus thickness conditions as recent findings suggest
that these can be observed in pathological conditions of the airway [82–84]. This shows that the large
G (small Wi) of the COPD and CF mucus inhibits the plug formation at low La values. It confirms
that the elastic behavior of the fluid is dominant before the breakup and mainly affects whether the
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closure occurs. The closure time, tc, is also largely determined by G. The initial undisturbed liquid
layer thickness, ε, was also varied at each studied La value to find out how the wall stresses and tc
are affected by this parameter, and it is found that as ε increases tc converges to the Newtonian case
in each pathological case.

The influence of the pathological cases on the wall stresses are also studied as these are important
to estimate how the airway epithelium may be affected in these conditions. It is seen that the
contribution from the viscoelastic stress (�S) on the total stress (�τ ) at the peak stress levels is
higher in the COPD and CF cases. Furthermore, �S relaxes very slowly after the closure, and stays
almost as high as the Newtonian peak for a very long time. This continuous disturbance after the
closure may increase the damage on the pulmonary epithelial cells.

Another important finding is that the high nondimensional stiffness (G) of the COPD and CF
mucus causes smaller curvature at the capillary wave, and consequently smaller peaks of local
normal stress gradients during the closure. The local tangential stress gradients are also smaller
for the COPD and CF conditions because of the slower accumulation of liquid at the axial
center of the domain. This indicates that the main source of stress for the pulmonary epithelium
may be coming from the tangential and normal stress excursions in the COPD and CF mucus
(�τw and �pw).

These remarks suggest that the EVP model used in this paper can capture additional physics that
have not been reported before. The increased peak of the stresses due to the extra stress contribution
and the persisting extra stress after the closure may be especially important from the medical point
of view, since they induce significant stress levels for the airway epithelium. As it is already known
that CF and COPD can alter the mucus and surfactant secretion routines in the lungs [83,84], it
is likely to observe airway closure in these patients. To decrease the damaging effects discussed
above, therapeutic approaches such as inhaled hypertonic saline that aim to decrease the elasticity
of airway mucus can be applied [85]. Moreover, further research can discuss liquid plug propagation
and rupture in these conditions to analyze whether liquid plug formation damages the pulmonary
epithelium repeatedly.
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