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SUMMARY

Air flow through a human upper airway (central part) has been carried out using a realistic geometry. In
addition to explaining the anatomy, problems and importance of patient-specific study of human upper
airways, this article also presents some qualitative and quantitative simulation results. As expected, the
shear and pressure forces are large in the oropharynx and laryngopharynx, where the flow passage is
narrow. This clearly indicates that these locations should be the focus of any study aimed at understanding
the human upper airway collapse in a patient-specific manner. Copyright q 2008 John Wiley & Sons,
Ltd.
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1. INTRODUCTION

Over the last five years, there has been a significant increase in patient-specific computational
modelling of human body-related problems. The definition of patient-specific study varies from
group to group. In this article, we assume any study that employs one or more patient-specific
data to be a patient-specific study. The majority of such studies on physiological flows have
been focused on the understanding of blood flow and related problems [1–14]. This is mainly
due to the fact that cardiovascular problems account for the majority of disease-related deaths in
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the developed world. However, the basic causes of cardiovascular problems are more widespread
than blood flow behaviour. The problems associated with the human airways may include asthma
[15], airway stenosis [16], obstructive sleep apnoea [17, 18], throat cancer [19], nasal airway
blockage [20] and chronic obstructive pulmonary disease [21]. Untreated, sleep apnoea can lead
to pulmonary hypertension and to heart disease. It is, therefore, essential to give more attention
to the human respiratory system. Patient-specific studies on human airways are rather limited and
some of these studies concentrate on the lower human airways [22–24]. The upper human airways
have received limited attention from the patient-specific numerical modelling community, despite
the fact that sleep apnoea, throat cancer and nasal airway blockage are becoming more prevalent
in developed countries. However, the trend is changing and some recent studies using realistic
geometries demonstrate this [25–28].

There are many fundamental studies available on human upper airway fluid dynamics, but
majority of them are carried out on a non-realistic geometry [29]. The basic human airway studies
have generally concentrated on simplified geometries assuming, for instance, perfectly circular
cross sections of the upper airway or circular triple bifurcation geometries [30–32]. Collapsible
tubes have also received significant attention in recent years [33, 34]. It is assumed that some of
the theory of collapsible tubes may be extended to help the understanding of upper airway closure.
Other basic studies include large eddy simulation (LES) of flow in simplified human airways [35].
The majority of applications in the literature concentrate around the topic of particle transport in
upper and lower human airways. Studies on this topic include application to spray dynamics and
smoke particles [36–46]. In these studies, in addition to a fluid dynamics algorithm, an efficient
way of tracking the particles is essential. The particle tracking studies reported the use of a
mixture of simplified geometries and real geometries extracted from real human airways. The fluid
dynamic studies on realistic upper human airway geometries are both rare and difficult to carry out,
although some attempts have been made in the recent past [25–28]. A combination of geometry
extracted from a scan and a hypothetical airway tree has been used by Ma and Lutchen [25]. The
objective of the reported work was to estimate the lung resistance from the impedance of small
airways. A low-resolution scan with 6mm cuts were used in the above study. Jeong et al. [26]
used a subject-specific airway model to estimate the forces in the nasal and central airways. They
modelled the flow up to trachea and bifurcation was not included in the study. Brouns et al.
[27] studied the airway stenosis by introducing a constriction in the upper airway. Both Brouns
et al. [27] and Jayaraju et al. [28] used scans to generate the geometry. The latter study was
focused on particle transport. It is also important to note that the commercial codes were used in
these studies.

It is apparent that the interest in modelling the flow in the human upper airways is growing
and employing realistic geometries in the flow calculation is only a recent trend. Although some
studies have been reported in the literature, they are specific to a particular aspect of the airway.
In this study, we wish to derive specific flow information at a location just below the tongue base.
We are also using the in-house characteristic-based split (CBS) code for the first time to solve
flow through a realistic human upper airway geometry. This article also provides comparison with
experiments for a model upper airway and uses fully unstructured meshes in the calculations.
Using the Spalart–Almaras (SA) turbulence model to a realistic human upper airway is also novel
in this work.

This article is organized into the following sections. First, we introduce the anatomy of the human
upper airways for completeness and also provide details of disorders of the human upper airways.
We provide details on airway collapse and vocal cord paralysis. In Section 3, we provide the
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geometrical modelling and meshing of a realistic upper human airway. Section 4 briefly introduces
the fluid dynamic equations and in Section 5 we introduce the solution procedure first and then
discuss the results. Section 6 outlines some current difficulties associated with patient-specific
modelling. Finally, Section 7 draws some conclusions.

2. ANATOMY AND DISORDERS OF THE HUMAN UPPER AIRWAYS

2.1. Anatomy

To understand the need for, and importance of, patient-specific airway simulation, it is necessary
to understand the anatomy of the airway and the common effects of disease on airflow. Figure 1
shows a diagram of a vertical cross section (sagittal) of a typical human upper airway. It is usually
divided into anatomically distinct sections, based on anatomical, physiological or pathological
considerations. We have divided the upper airway into six segments: the nasal cavities, nasopharynx
(including the inferior portion or velopharynx), oropharynx, laryngopharynx, larynx and trachea
[18]. The nasal cavities extend from the external nares (nostrils) to the posterior choanae, where
the two cavities open into the nasopharynx. The lower part of the nasopharynx (velopharynx) lies
behind the soft palate and is highly flexible and constantly changes in shape. It is a common
site of snoring. The oropharynx extends from soft palate to the level of the tongue base and the
laryngopharynx from tongue base to larynx. The larynx is a valve separating the pharynx and
the trachea. The trachea (windpipe) extends from the larynx into the chest and lungs. The walls
of the upper airway are formed mostly of soft tissues, including over 20 muscle groups, adipose
tissue (fat), tonsil tissue and a flexible mucosal lining. The muscles actively constrict and dilate the
lumen of the upper airway [47–49]. In the nasal cavities, larynx and trachea, the walls also contain
more rigid cartilaginous and bony structures. A large number and wide range of cross-sectional
measurements of the airway have been made [18]. The minimum airway size in the awake state

Nasal Cavity

Oral Cavity

Nasopharynx

Soft Palate
and Uvula

Larynx and 
Vocal Cords

Tongue Base

Epiglottis

Figure 1. Anatomy of human upper airways.
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occurs at one of the three levels: the anterior nares (nasal valve), the velopharynx (behind the
soft palate) and at the junction of larynx and trachea (the subglottis) [50–52]. During sleep
the two narrowest portions are at the velopharynx and in the oropharynx at tongue base level.
These two sites are of great interest as likely areas of soft tissue collapse of the airway, causing
snoring and, most importantly, obstructive sleep apnoea. This makes the oropharynx the site of
most interest for modelling. The posterior and lateral walls contain the superior, middle and
inferior constrictor muscles, while the anterior wall comprises soft palate and tongue base. The
laryngeal and tracheal parts of the airway are much less variable during sleep. However, in
the awake state there are significant changes in glottic (laryngeal) area. During quiet breathing
the vocal cords open during inspiration, to widen the airway, and close a little during expiration.
During phonation the vocal cords are closely approximated with near complete closure of the
airway.

2.2. Human airway disorders

The upper airway is susceptible to many diseases. We will focus on two common disorders, each
of which predominantly affects one section of the airway.

The first problem of interest is that of vocal cord paralysis. This may be caused by cancer in
the chest or neck or the result of surgical trauma to nerves supplying the larynx. Good quality,
loud sound can only be produced when the vocal cords are closely approximated. A vocal cord,
paralysed in a lateral position, results in a gap during phonation, producing a weak, breathy voice. It
is not usually possible to re-innervate the larynx but insertion of a prosthesis to push the paralysed
cord into an optimal position for vocalizing, can allow excellent voice production. The difficulty
is that, too small a prosthesis will result in a poor voice and, too large, will narrow the airway,
causing breathlessness. The final decision must be a compromise between voice and airway. We
believe that preoperative modelling will allow more accurate prediction of the effects of prosthesis
size on both voice and airway. Although the fluid–structure interaction in this problem is important,
the mechanism is normally simple. Vocal cords move up and down and laterally and medially in
a systematic way and a prescribed motion may be sufficient to determine an optimal flow rate.
The geometry is not as complex as that of the nasal passages although scan resolution is still an
issue.

The second, increasingly common, problem is that of sleep apnoea. This has received more
attention than the previous problems due to the larger numbers affected and the concern that sleep
apnoea may be an important factor in some road accidents and in early death from hypertension
and heart disease. However, patient-specific modelling of upper airway collapse has so far not been
attempted. The major challenge in this problem is that of tackling the combination of fluid forces,
structural movement and the neuromuscular activities contributing to airway collapse. Coupling
passive material with fluid is difficult but neuromuscular actions make the problem even more
complex. On the positive side, sleep apnoea is routinely investigated, providing high-quality digital
audiovisual data during controlled sleep studies. Thus, production of a soft tissue model is possible
from the experimental data.

In both problems, the unifying factor is the study of patient-specific fluid dynamics. Irrespective
of other factors involved, it is essential to develop a procedure allowing repeatable fluid dynamics
studies to be performed. This article is a demonstration of such a patient-specific fluid dynamics
study in a human upper airway. In the present work, the fluid forces are determined, based on
the modelling requirement of airway collapse. Thus, the main focus of the present study is to
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determine the pressure and, also to a lesser extent, the wall shear stress distributions in the airway,
in particular at the upper and the lower oropharyngeal levels.

3. GEOMETRY RECONSTRUCTION AND MESH GENERATION

To reconstruct the geometry, an anonymous computed tomography (CT) scan from Singleton
Hospital, Swansea was used. The scan was from a middle-aged woman with no known upper
airway disorders. The scan resolution is 412×412 pixels and the distance between the slices is
1mm. The scan used is shown in Figure 2. We used the commercial software, MIMICS, to extract
the geometry. We show the process of interactive removal of unnecessary portions of the airway
in Figure 3. The figure on the right shows the final full airway extracted from MIMICS. This
geometry was extracted with a minimum of user interference. Owing to the lower resolution of
the scans used, the software failed to identify the thin bony structures separating the sinuses from

Figure 2. CT scan of a middle-aged woman: (a) side view; (b) anterior view; and (c) top view.
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Figure 3. MIMICS reconstruction.

Figure 4. Initial surface mesh generated for the human upper airway:
(a) anterior view and (b) posterior view.
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the airway. As a result, the geometry included both the sinuses on the sides of the nasal passage
and the ones at the forehead.

The meshing tools, including those used for surface meshing, are the ones developed at Swansea
[53–55]. The STL file is converted into a surface mesh first, before generating a volume mesh.
It was necessary to check for any intersecting surfaces, before the volume was generated. Views
of the sample mesh generated for the full airway geometry, including the sinuses are shown in
Figure 4. As seen, all the expected features of the geometry are captured.

To model the flow, we manually truncated the geometry just above the tip of the soft pallet.
Although this geometry is not able to include the effects from the nasal passages, it is expected
to predict the disturbance caused by larynx and vocal cords accurately. The truncated geometry
was generated from a surface mesh by cutting, at a required plane, and projecting the surface
points to a constant x3 value. In this way, a smooth surface is obtained at the inlet. After meshing
the cut surface with a 2D Delaunay triangulation, the volume mesh was regenerated. Figure 5
shows the truncated mesh and Figure 6 shows the surface mesh closer to the epiglottis and vocal
cords. Three different meshes were generated. The mesh was progressively refined to make sure
that the effect of mesh refinement on the solution is negligibly small. The first mesh consists of
about 100 000 elements, the second mesh was generated with about 500 000 elements and the last

Figure 5. Reduced final, fine surface mesh: (a) anterior view and (b) posterior view.
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Figure 6. Reduced final, fine surface mesh: (a) anterior view and (b) posterior view.
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Figure 7. Final airway geometry.
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mesh contains about a million elements. Figure 7 shows the final geometry used and the details
of different regions of human upper airway below tongue base.

4. GOVERNING EQUATIONS

For turbulent incompressible flow computations, the Reynolds-averaged Navier–Stokes (RANS)
equations are expressed in conservation form as

Mean continuity

1
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where � is an artificial compressibility parameter, ūi are the mean velocity components, p is the
mean pressure, � is the density, �i j is the mean laminar shear stress tensor given as
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The Reynolds stress tensor, �Ri j , is introduced by Boussinesq’s assumption, as
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In these equations, � is the kinematic viscosity of the fluid, �T is the turbulent eddy viscosity and
�i j is the Kronecker delta.

The SA [56] model was first introduced for aerospace applications and now it is commonly
used in incompressible flow calculations. The SA model is a one-equation model, which employs
a single scalar equation and several constants, to model turbulence. We find this model both to
be fast and accurate for incompressible and internal flows compared with other RANS models
[29, 57]. The scalar equation is
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where

Ŝ= S+(�̂/k2y2) fv2 (6)

fv2=1−X/(1+X fv1) (7)

In Equation (6), S is the magnitude of vorticity. The eddy viscosity is calculated as

�T= �̂ fv1 (8)
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where

fv1= X3/(X3+c3v1) (9)

X = �̂/� (10)

The parameter fw is given as

fw =g

[
1+c6w3

g6+c3w3

]1/6
(11)

g=r+cw2(r
6−r) (12)

r = �̂

Ŝk2y2
(13)

The constants are cb1=0.1355,�=2/3,cb2=0.622,k=0.41,cw1=cb1/k2+(1+cb2)/�,cw2=
0.3,cw3=2 and cv1=7.1.

4.1. Boundary conditions

The velocity boundary conditions at the inlet were enforced based on the flow rate studied. Usual
no-slip boundary conditions were assumed on the solid walls. A very small value of the turbulence
parameter �̂ was prescribed at the inlet. The value of this parameter was assumed to be zero on
the walls. During the calculations, the difference between the mass flow rate at the inlet and exit
was monitored and reduced to a value well below 5%. As the scheme used is explicit, the pressure
at the exit is automatically maintained at zero (initial condition).

5. FLUID DYNAMICS

The CFD algorithm used here has been tested in the past for various laminar and turbulent flows.
The method is based on the CBS algorithm [29–64]. The algorithm is based on the fractional step
method to stabilize pressure and a characteristic-based approach to stabilize discrete convection
operators. This combination, along with a local time stepping, was found to be robust [58, 59].
The method has been employed, both in its fully explicit and semi-implicit forms, in the past.
We have used the artificial compressibility-based method here [60, 61]. The method solves the
incompressible Navier–Stokes equations in three steps. In the first step, an intermediate momentum
field is solved. In the second step, pressure is computed and in the third step, the momentum field
is corrected. The one-equation SA [56, 65] turbulence model is added as a fourth step. The first
three steps of the CBS scheme used in its semi-discrete form may be summarized as

Step 1: Intermediate momentum
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where Un
i =Ui (tn);�t= tn+1− tn and ˜ indicates an intermediate quantity. The higher-order terms

are due to time discretization using the characteristic Galerkin approach [64, 66, 67].
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Step 2: Pressure
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Step 3: Momentum correction
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where 0.5��1�1 and 0��2�1. For the explicit scheme, employed in this study, �2=0. The
equations are derived from the observation that the time discretization is carried out along the
characteristic. A simple approximate backward integration gives the equations with some extra
convection stabilization terms (last term in the right-hand side at Step 1). These extra terms are
consistent and reduce oscillations, due to the standard Galerkin discretization of convective terms.
These higher-order terms are very important when the time discretization is explicit. The artificial
compressibility parameter � is defined locally, based on the local velocity scales. Further details
on the selection of � may be found in [60].

The scalar transport turbulence equations are also subjected to the characteristic time discretiza-
tion, similar to Step 1. Once the semi-discrete form is available, the standard Galerkin spatial
discretization follows [64, 67].

5.1. A model human airway problem

A model human upper airway is considered first to verify the steady-state calculations. The
geometry used is an idealized oropharynx from Reference [68]. This reference provides some
experimental data for the idealized geometry. Although identical reproduction of the experimental
configuration is difficult, we have reproduced an approximate configuration from the geometrical
data given in Heenan et al. [68]. We have generated an unstructured mesh with about one million
tetrahedral elements to discretize the domain as shown in Figure 8.

Figures 9 and 10 show some sample qualitative results at a flow rate of 37.35 l/m. The u3
velocity distribution clearly shows the acceleration as the flow enters the pharynx and also when
it leaves the pharynx through the epiglottis. As a result of the complex nature of the geometry,
some slow moving, recirculatory regions are also noted, near the entrance to pharynx. It is also
observed that the majority of the pressure drop occurs as the fluid enters the pharynx and also as
it passes the epiglottis. The oral cavity shows almost no pressure change. The qualitative results
obtained compare well with the experimental results given by Heenan et al. [68].

To further increase the confidence in the flow solver, the pressure drop calculations were carried
out for different flow rates. The pressure drop is calculated as the difference between the average
pressure values at the inlet and exit. Figure 11 shows the comparison of pressure drop values
obtained from the present numerical study and the experimental data. As seen the agreement
between the two results is good. The small difference between the results may be attributed to
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Figure 8. An idealized human upper airway model. Unstructured mesh.

Oral cavity

Pharynx

Epiglottis

Larynx

Trachea

(a) (b)

Figure 9. Flow through an idealized human upper airway, flow rate=37.35l/min:
(a) u3 velocity component and (b) pressure.
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Figure 10. Flow through an idealized human upper airway. Velocity vectors.
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Figure 11. Flow through an idealized human upper airway. Pressure drop.
Experimental data from Heenan et al. [68].

the minor differences in the geometry. The geometry used here was constructed from the 13 cross
sections provided by Heenan et al. [68]. The sections were linearly connected to obtain the full
geometry.
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5.2. Inhalation studies

Inhalation studies are important for determining the flow behaviour during drug deliveries. The
area at the inlet of the patient-specific geometry is approximately 222mm2. The properties of air
are assumed to be constant. A kinematic viscosity of 1.69×10−5m2/s and density of 1.2kg/m3

were used in the calculations. The flow rate in the human airways normally varies between 15
and 45 l/m depending on the state of the subject. The inhalation flow is studied by prescribing a
velocity based on the assumed flow rate. In order to accurately represent the velocity boundary
conditions, it may be essential to consider the flow through the nasal passages. As mentioned
previously, it was not easy to construct the geometry of the nasal passages using low-resolution
scans. We will consider the influence of nasal air passages in a future article.

The mesh used consists of about half a million elements. The mesh sensitivity study shows that,
at a Reynolds number (based on 100mm) of 15 000, there is a difference in the pressure drop of
about 2.5% between meshes with half and one million linear tetrahedral elements. To obtain as
accurate results as possible, we have employed one million element mesh throughout the study.
At the inlet of the geometry, a constant velocity value is assumed depending on the flow rate.

The qualitative results, at an inhalation flow rate of 33.76 l/m, are presented in Figures 12–14.
The vector plots in Figure 12 clearly show a recirculation region just below the vocal cords.
Although the geometry looks fairly straight, the recirculation makes the physics more interesting. As
expected, the flow accelerates near the tongue base (oropharynx) as it passes into the laryngopharynx
(see Figure 12). The flow stabilizes and reaches a nearly developed state as it moves towards the
bifurcation, within the trachea.

(a) (b)

Figure 12. Velocity vector plots at an inhaling flow rate of 33.76 l/m: (a) vectors and
(b) recirculation below the vocal cords.
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Figure 13. Pressure distribution at a flow rate of 33.76 l/min. Maximum pressure=72.85Pa,
minimum pressure=−33.11Pa, total pressure drop=40.47Pa: (a) pressure, anterior view;

(b), (d) pressure, side view; and (c) pressure, posterior view.

Figure 14. Wall shear stress distribution at a flow rate of 33.76 l/min. Maximum shear stress=0.9773Pa:
(a) shear stress, anterior view; (b), (d) shear stress, side view; and (c) shear stress, posterior view.
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Figure 13 shows the pressure distribution. Once again all the action takes place near the
laryngopharynx. The flow recirculation below the epiglottis also creates a negative wall pressure
distribution at the posterior surface of the airway. However, the pressure at the anterior remains
positive. The negative pressure created by the recirculation and the naturally narrow portion of
oropharynx are responsible for the large pressure drop. As in the model airway discussed in the
previous section, here also the pressure changes are almost nil in the oral cavity.

The wall shear stress distribution in Figure 14 also shows a trend in accordance with the flow
distribution. The maximum wall shear stress occurs near the narrow portion of the airway. It is also
noted that the wall shear stress is low near the recirculation on the posterior surface of the airway.
However, the accelerating downward velocity along the anterior wall opposite to the recirculation
increases the velocity gradient and increases the wall shear stress.

Table I presents comparisons of the pressure drop for the model airway presented in the previous
section and the patient-specific airway studied in this subsection for three different flow rates.
Although a very close match between the two is not anticipated, the difference between the pressure
drops is not extremely high. The difference is about 12.5% at 50.64 l/m, about 15.21% at 33.76 l/m

Table I. Pressure drop (Pa) comparison of numerical calculations of model and
patient-specific human upper airways.

Flow rate Model airway (this study) Cast model [69] Patient-specific airway (this study)

16.88 12.89 — 10.15
33.76 47.73 44.00 40.47
50.64 108.45 — 94.85
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Figure 15. Pressure (a) and shear stress (b) distributions along the anterior wall up to bifurcation. The
data are extracted approximately along the centre of the anterior surface.

Copyright q 2008 John Wiley & Sons, Ltd. Int. J. Numer. Meth. Fluids 2008; 57:631–651
DOI: 10.1002/fld



HUMAN UPPER AIRWAYS 647

-750

-700

-650

-600

-50  0  50  100

V
er

tic
al

 d
is

ta
nc

e,
 m

m

Pressure, Pa

16.88 l/m
33.76 l/m
50.64 l/m

-750

-700

-650

-600

 0  0.05  0.1  0.15  0.2  0.25  0.3  0.35
V

er
tic

al
 d

is
ta

nc
e,

 m
m

Wall Shear Stress, Pa

16.88 l/m
33.76 l/m
50.64 l/m

(a) (b)

Figure 16. Pressure (a) and shear stress (b) distributions along the posterior wall up to bifurcation. The
data are extracted approximately along the centre of the posterior surface.

and 21.2% at 16.88 l/m. There are two major differences between the model and patient-specific
upper human airways. The first is that, although similarity exists between the two, they are not
geometrically identical. The second difference is that the model airway has about a 16% longer
flow path than the patient-specific airway. This second difference is clearly reflected in the higher
pressure drop obtained on the model human upper airway.

Figures 15 and 16 show the wall pressure and shear stress distributions along the anterior and
posterior walls of the airway up to the bifurcation. From the pressure distribution, it is clear that
the major pressure drop occurs between −620 and −632mm with the minimum pressure reported
near −631mm. This is the location just above the vocal folds in the laryngopharynx. The negative
pressure difference obtained at 16.88 l/m is almost nil and, as the flow rate increases, the pressure
drop noted in the laryngopharynx also increases. The negative pressure created near the vocal
folds triggers a flow recirculation near the posterior surface, as the flow leaves the laryngopharynx,
into the larynx and trachea. The recirculation near the posterior wall results in flow acceleration
near the anterior wall, with an increase in velocity gradients along the anterior wall. This is
clearly represented by the higher wall shear stress distribution on the anterior wall between −650
and −700mm. In addition, the shear stress peaks at both the anterior and posterior walls coincide
with the negative peak pressure value. The combination of the negative pressure difference and the
peak shear stress value makes the laryngopharynx location an important area for airway collapse
investigation. It is noted that both the pressure difference and wall shear stress distributions are
not very smooth. This is mainly due to the rapid changes in the surface contours. A higher mesh
resolution may marginally increase the smoothness of the wall shear stress distribution. Even on
structured meshes, the shear stress distribution is expected to have rapid changes all along the
surface [36].
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6. SOME DIFFICULTIES

One of the areas where we need more work is image processing to represent the geometry with
a better accuracy. Generally, the amount of radiation used in a CT scan determines the image
resolution. It is unethical to subject patients to higher doses of radiation. In addition to producing
lower resolution, magnetic resonance-type imaging can be subjected to sensitivity factors, such as
patient motion. Some of the imaging techniques are also highly invasive and involve severe side
effects (e.g. 3D angiography). Thus, for the time being, to make better use of the low-resolution
images, a significant amount of research needs to be focused to find better ways of reducing image
noise.

The explicit fractional step method used in this study has proved to be robust for standard
engineering problems but, in the present study, to conserve mass required long computational
times. The implicit procedures could reduce the time needed to conserve mass. The patient-specific
nature of the problems and the time taken to solve each individual problem are also likely to have
an impact on the future research.

7. CONCLUSIONS

The objective of this article was to demonstrate a patient-specific fluid dynamic study in a human
upper airway. Attention was focused to study the effect of steady, inhalation flow in the pharynx.
The flow in the model airway studied gave a great deal of confidence in the results obtained. The
patient-specific study has shown that the pressure drop is large close to the narrow portion just
below the oropharynx. It has also shown that the wall shear stress is very large near the narrow
portion of the pharynx. All this clearly indicate that the oropharynx and laryngopharynx are the
two major areas of interest for developing an appropriate fluid-structure model for airway collapse
(sleep apnoea). We are aware of the fact that to precisely model the flow, we should include
the nasal passage into the model. We should also study the time-dependent breathing cycle. In
addition to the above two inclusions, we may also need to account for the small change in the
geometry during quite breathing. This last point may be neglected, as the small changes during
quite breathing may not influence the flow field as much as the first two aspects.

In addition to the issue of creating a nasal passage geometry, the transient breathing cycle
also needs to include appropriate periodic boundary conditions and turbulence at higher Reynolds
numbers. While recognizing the fact that LES is probably both an affordable and accurate way for
modelling turbulence in the human airway, it may be extremely difficult to satisfy meshing needs
close to the solid walls of the geometry. Other options of using unsteady RANS and DES could
also be exploited.
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