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Abstract:

The effects of respiratory rate on the fluid dynamics present in the upper airway remain largely
uninvestigated. This study aims to utilise Particle Image Velocimetry (PIV) techniques to investigate the
time-dependent effects of respiratory rate in the extrathoracic airway, to show how they affect the flow
field developed. This is critical to validate and support the development of accurate airway flow
computational models. There has been limited validation of computational fluid dynamics (CFD) models
using experimental setups. Furthermore, the large majority of existing CFD models focus on rigid
airways, not accounting for active deformation through the breathing cycle. Experiments were carried
out using a transient, sinusoidal flow profile with two respiratory rates of 10 breaths per minute (BPM)
and 25 BPM, both achieving a maximum flow rate correlating to 5 L/min in air to simulate tidal
breathing. The flow was achieved using a piston pump to replicate the diaphragm’s interaction with the
lungs, which was synchronised with active deformation of the model. Results from this study showed
that respiratory rate had the greatest influence near the onset of the inspiratory and expiratory
manoeuvres, with the higher respiratory rate homogenising later in the cycle. At the onset of inspiration,
the higher respiratory rate of 25 BPM only reached 15% of the peak flow of the 10 BPM case for the
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rigid model and 48% for the actively deformed model. Additionally, it was shown that airway
deformation at the level of the soft palate homogenises flow downstream of the deformation which
results in a lower peak magnitude velocity for approximately 40% of the cycle at the level of the

epiglottis, when compared to the rigid airway model.

Introduction

Computational fluid dynamics (CFD) has been widely used to analyse and study the respiratory
airflow dynamics in the airways. These studies range from investigating flow behaviour after surgery of
the upper airway [ 1], studying the mechanisms by which sleep apnoea and treatment devices affect and
improve respiratory flow [2—5], to how the airway geometry influences flow and particle transport [6—
8]. Over the past decade, CFD has not only been used as a tool to shed light on airway pathology, its
usefulness as a surgical planning tool to improve respiratory flow has also been demonstrated [9]. CFD
studies of the upper airway have utilised both simple and complex, realistic airway geometries depending
on the focus of the studies. While a realistic airway geometry is necessary to inform details of flow
structures at specific anatomical regions of the pharynx, several studies have demonstrated that airway
geometry may be simplified depending on the goal of the study. Despite the advances made using both
realistic and simplified airway geometries, the majority of CFD models to date have been largely based
on the assumption of a rigid airway. In addition to this deficiency, there have also been limited
experimental studies conducted to investigate the flow field in the upper airway despite their unequivocal

importance towards validating the CFD models.

In recent years, there has been a growing interest to understand flow behaviour when the airway deforms
actively during respiration [10—12]. The first few studies conducted to investigate the effects of upper
airway deformation on airway flow were achieved by performing non-transient flow simulations in a
rigid airway model at the specific time point of the respiratory cycle [13]. A few other studies have also
modelled the airway as a tube which was allowed to deform through changes in the airway flow
[4,14,15]. While the afore-mentioned works shed light on how airflow-structure interaction can

potentially affect flow dynamics in the airway, detailed information of how physiologically realistic
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deformation of the pharynx affects the fluid mechanics of the human upper airway remains sparse. The
human pharynx is formed by eight pharyngeal muscles whose functional integration is necessary to
perform complex tasks such as speech, swallowing, and breathing. Due to this function, certain sections
of the upper airway can actively widen during inspiration to promote airflow and not necessarily deform

and collapse, as would be observed in a conduit [16].

The realistic deformation of the upper airway and its dynamic effect on flow has recently been
demonstrated by Bate et al. [17,18] who simulated airflow in a CFD pharynx model with moving wall
boundaries. In the study, the magnitude of the soft tissue movement was obtained using fast-cine
magnetic resonance imaging (MRI). Results from the study show that considering airway movement
related to respiration can cause changes in pressure in the airway compared to rigid airway models. More
recently, Zhao et al. [19] performed the first experimental measurement using particle image velocimetry
(PIV) to show how active deformation of the pharynx (as observed in published MRI studies on pharynx
muscle contraction) affects fluid flow behaviour in the upper airway. Results show that the flow field is
significantly affected by wall movement and is in stark contrast with the results obtained using rigid
CFD models. The above-mentioned preliminary study, which only investigates a single flow case,
suggests the importance of considering the dynamic interaction between airway wall motion and air flow
when aiming to understand realistic flow dynamics in the extrathoracic airway. This is vital when the

goal is to produce clinically relevant computational models of respiratory airflow.

Many CFD studies have simulated constant flow. Naseri et al. [6] showed that steady-state flow and
transient flow simulation in a pharynx model resulted in notable differences in particle deposition
fraction in the airway. While the trends of deposition are the same for both the steady-state and transient
flow simulations, there are significant differences in the predicted mass of deposition, suggesting the
critical role of flow profile to achieve an accurate understanding of aerosol transport and deposition. In
a more recent study, Xu et al. [20] investigated the effects of three constant flow rates on upper airway
flow. The study shows that the flow rates affect the jet flow produced at the glottal region which was

less obvious in the experimental study produced by Zhao et al. [19], who simulated transient flow in a
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actively deformed airway model. While changes in the pulsatility of biological fluid flow are common
in physiological processes, the effect of variability in this natural pulsatile behaviour has rarely been

addressed and studied systematically [21, 23] in the context of respiratory rate and upper airway flow.

This study aims to elucidate the effects of airflow pulsatility (respiratory rate) in both a rigid and an
actively deformed, geometrically realistic, extrathoracic airway model using PIV. Specifically, the
effects of frequency of tidal breathing will be investigated, with a secondary emphasis on the influence
of the model deformation and the transient flow profile. This is critical to validate and support the

development of accurate airway flow computational models.
Methods
Silicone Phantom

MRI data were collected from a healthy middle-aged female with a body mass index (BMI) of 20 kg/m?.
The upper airway was reconstructed using open source software 3D Slicer (www.slicer.org, [22]). The
airway geometry was scaled to 1.5 times its original dimensions to allow for increased optical access. A
three-piece mould; consisting of two halves and one sacrificial, was designed using Rhinoceros 3D
(www.rhino3d.com) such that the airway geometry could be cast in optically transparent silicone rubber
with specific wall thickness. A wall thickness of 3 millimetres was used because preliminary studies
have been performed to ensure that the induced flow passing through the silicone phantom was unable
to distort the airway geometry with this wall thickness, while still allowing the mechanical gripper to
deform the airway at the desired regions. The mould was manufactured using rapid prototyping
technologies and post-processed to create a smooth surface finish while at the same time ensuring optical
accessibility. After casting, the two halves were removed and the sacrificial piece dissolved, leaving
behind the silicone phantom. The model was connected to the rest of the flow system using rigid fittings,

these were calculated to present a homogenous flow for the inflow and outflow conditions of the model.
Particle image velocimetry setup

An overall view of the setup is presented in Figure 1. A piston pump controlled by an actuator provided
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a controllable flow rate vs. time profile and acted as a diaphragm pushing and pulling fluid through the
silicone phantom to simulate tidal breathing. A mechanical gripper was positioned at the bottom of the
uvula, slightly below the soft palate, simulating the deformation of the airway lateral walls that has been
observed at this level of the pharynx in published MRI studies (Figure 1-C) [10,11,23]. The mechanical
gripper was also synchronised with the piston pump, which triggered the PIV laser and cameras. Both
the actuator and gripper were powered by Nema 23 stepper motors, allowing the pump to deliver a flow
that represents 5 L/min of air and achieving a resolution of 0.038s. The refractive index of the silicone
material used to fabricate the complex airway geometry was matched with glycerol by submerging the
phantom in a water glycerol mixture of 44 parts water to 56 parts glycerol by weight, resulting in a
kinematic viscosity of 5.96*E-06 m?%/s and a density of 1138 Kg/m>. The tracer particles used were
refractive glass spheres with a mean size of 9 to 13 micrometres from MilliporeSigma (www.
MilliporeSigma.com) were used to seed the fluid within the airway model such that approximately 5 —
10 particles were present in each interrogation window of cross-correlation. A double pulsed Nd:YAG
laser (Evergreen) was used with a camera exposure time of 25us and an interframe time of 250us. The
laser sheet was appromately 0.7mm, the pco camera utilised an EF 50mm 1:1.4 lens. The camera was
positioned approximately 250mm away from the laser sheet. The setup produced images with a spatial
resolution of 1600 pixel x 1200 pixel, with a FOV of 50mm x 37.5mm. The interrogation window size
was set to 128 pixels x 128 pixels with a 50% overlap. Digital cross correlation was used to determine
the displacement of particles. Post-processing of particle images adopted similar methods reported in

Zhao et al. [19].
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Figure 1. A) The panel shows the PIV setup. The airway is placed in a glass tank connected to a piston pump and reservoir. Laser sheet
is projected downwards along the centre of the silicone phantoms in the sagittal plane. Imaging camera is located perpendicular to the
laser sheet and focused on the epiglottis and surrounding regions. B) Close up view of the airway gripper used to simulate upper airway
deformation. The gripper utilises two arms which extends beyond the anterior end of the airway geometry. C) Panel shows the side view
of the experimental setup and the undistorted grid (placed behind the airway) shows that optical distortion has been adequately resolved.

Data Collection

A sinusoidal breathing profile with an equivalent peak flow rate of 5 L/min of air was simulated in this
study. The frequency of breathing simulated was 10 and 25 breaths per minute, taken from a study
recording respiratory rates in the population [24]. Both the Reynolds number and Womersley number
were matched in the experiments, allowing for the recreation of the flow characteristics present in air in
the greater viscosity working fluid of the glycerol mixture. The Reynolds number is defined as a
dimensionless number that characterises the ratio between inertial forces and viscous forces. The
Womersley number is a dimensionless expression of the relation between pulsatile flow frequency and
viscous effects. The maximum Reynolds calculated was 425 and the Womersley number of the 10 BPM
and 25 BPM cases was 1.74 and 2.75 respectively. The Reynolds number was calculated using a length-
scale which was measured from the MRI image as the smallest diameter at the smallest cross section,
which was located near the epiglottis. The mean maximum velocity was calculated from the maximum

flow rate of 5 L/min in relation to the cross-sectional area at the same point. The same length-scale was
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used in the calculation of the Womersley number. Preliminary studies were performed to determine that
20 imaging repetitions of instantaneous velocity fields on a phase locked loop were sufficient to
reproduce the flow pattern accurately for all breathing frequencies. The flow was imaged along the mid-
sagittal plane of the airway, as the model isnt perfectly symmetrical, this was chosen as a line of best fit
along the rear wall of the airway, taking the lateral ends of the airway and bisecting for the mid points.
The flow field in the airway, as a function of breathing frequency, was obtained in a rigid and in a
actively deformed airway. In the experiment on the deformed airway, a predetermined deformation was
simulated, using the gripper such that the airway was narrowed laterally by half its maximum width at
peak inspiration [11,19]. Figure 2 shows the flow rate, airway deformation profile and the time points
chosen for discussion in this study. The time points were chosen to illucidate the trends over the entirety
of the cycle, the transistion between inspiration and expiration was exluded due to lack of difference
between flow profiles. Unless otherwise stated, when referring to mean velocities in the Results section,

reference is being made to the mean velocity in the vertical (y) direction.
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Figure 2. Eight time points (TP) have been selected for discussion and they are represented by grey vertical lines in Panel A and B. A)
Deformation profile. The airway was deformed laterally by 50% of its width and no deformation was simulated during expiration. B) Panel
shows the sinusoidal flow rate profile in which the positive flow rate corresponds to inspiration. C) Flow profile for 10BPM and 25BPM.
Time in X-axis is not the same as the time point described in panel A and B. D) Panel shows the three locations (section A, B and C) where
the velocity profiles are analysed.

Results

(i) Flow field description (Figure 3) - the difference between a rigid and actively deformed

airway

Time Point I —Beginning of Inspiration

At TP I, results show that the change in breathing frequency affects the mean flow field in both the rigid
and actively deformed airways (See Figure 3). At 10 BPM, the flow field above the epiglottis (see the

location of epiglottis highlighted as a black boundary line in Figure 2D), in the actively deformed
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airway, is more posteriorly directed (white arrow) demonstrating the apparent effects of lateral airway
wall deformation at the soft palate. The velocity magnitude at the narrowest region of the airway
(adjacent to the epiglottis tip; next to the red arrow) is also higher in the rigid airway. At 25 BPM, the
highest velocity magnitudes in the rigid and actively deformed airway models are less than 25% of the

magnitude of the 10 BPM results.

Time Point II

At TP II, both the rigid and actively deformed airway are affected by the breathing frequency such that
the velocity magnitude is much lower at the narrowest region of the airway for the 25BPM cases. While
there is a more concentrated jet-like flow behind the tongue [25] and adjacent to the epiglottis in the
rigid airway at 10 BPM, these flow fields are not observed in the actively deformed airway,
demonstrating that the lateral deformation of the airway at the soft palate has the effect of homogenising

flow.

Time Point I1I & IV

At TP II1, the effects of breathing frequency on the flow dynamics diminish in both the rigid and actively
deformed airway, although there is a distinctive difference between the flow field developed in the rigid
and actively deformed airway models. For example, while horizontal and posteriorly directed flow
vectors are evident in the actively deformed airways, they are absent in the rigid airways. Breathing
frequency appears to have no obvious effect on the flow field generated in the airways at TP IV but
noticeable differences in results between the rigid and actively deformed airways can be observed (as
with TP III). For example, the jet-like flow at the narrowest section of the airway is less apparent in the

actively deformed airway model compared to the rigid airway model.

Time Point V &VI- Expiration

TP V occurs during the expiratory phase. At this time point, some differences between the flow fields
developed at 10 BPM and 25 BPM can be observed for both the rigid and actively deformed airways.

There is an extended high-velocity flow region at the narrowest section of the airway (see the region in
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the rectangular inset) in the cranial caudal (up — down) direction for the models at 10 BPM. The flow
velocity directly above the tip of the epiglottis (see the region in the circular inset) is also higher in the
models with higher breathing frequency. There are no observable differences between the rigid and
actively deformed airway models, which is expected due to the lack of active deformation in the
expiration manuovre. At TP V, it is clear that the frequency of the pulsatile flow has a noticeable effect
on the flow field in the airway models. During the second time point of the expiratory phase (TP VI),
for the 10 BPM case, there is a higher velocity magnitude at the narrowest region of the airway (adjacent
to the epiglottis), than evident on the 25 BPM cases. This is likely due to the higher fluid acceleration
found in the 25 BPM cycle, causing higher flow concentration with less homogenisation. The flow field
in the rigid and actively deformed airway models are similar. As the flow field measurements were taken
independently in the rigid and actively deformed airway models, the results presented, therefore also

demonstrate the repeatability of the PIV measurements.
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Figure 3. Velocity flow field at different time points during inspiration. Panel shows the flow field differences caused by breathing
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frequency and also airway deformation. The velocity magnitude (m/s) is presented in the coloured scale on the right.

(ii) Velocity flow profile. (Figure 4 & 5)
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Frequency of breathing appears to affect the velocity profile (velocity in y direction vs. distance
across lumen cross section) during the early phase of inspiration and expiration, and the effect seems to
be more apparent in the rigid airway compared to the actively deformed airway. Figure 4 shows the
velocity profile in the y direction across the breadth of the lumen through section C, recorded at the
various time-points throughout the respiratory cycle (see Figure 2), and there are a number of
observations. Firstly, the velocity profile is usually different between the rigid (grey coloured lines) and
actively deformed airway model (black coloured lines), highlighting the potential effects of airway wall
deformation. In particular for time points I, Il and III, there is a very distinctive difference in the profiles,
with the actively deformed airway models showing a much broader velocity distribution, compared to
the rigid which has a concentrated region of higher velocity, followed by a steep decline. The steep
decline is also followed by a longer region of near stagnant fluid, from a position of 26 to 30 mm. Apart
from timepoint I, this fundamental difference in the velocity profile shape seems to be largely unaffected
by the frequency of breathing. At the transition to inspiration there is a large difference in the profiles
for the different respiratory rates again, which is more pronounced in the rigid model than the actively
deformed model. The 25 BPM case in the rigid model only achieves approximately 15% of the peak
flow of the 10 BPM case. This relationship is again expressed in the actively deformed model, but to a
less extensive degree, with the 25 BPM case only achieving a peak flow of approximately 48% of the

peak flow recorded in the 10 BPM case.

As the transition to the expiratory phase occurs, at time Point V the differences observed between
the actively deformed and rigid models diminish significantly, however an effect of the breathing
frequency is noted. This effect showed an anterior flow concentration for the 10 BPM case and a more
posterior flow concentration for the higher frequency, 25 BPM case. It is particularly interesting how
both the actively deformed and rigid airway models exhibit the same change in velocity profile when
moving from 10 to 25 BPM, with almost no discernible difference in the velocity profile as a function
of dynamic wall motion. After this transitional time point, there is no active deformation, as such it was

expected that there would be no difference due to the effect of airway wall motion. Interestingly, there

12



228

229

230

231

232

233

234

235

236

237

238

239

240

241

242

243

244

245

246

is also no discernible effect from the breathing frequency through the majority of the expiratory half of

the cycle.

Figure 5 shows the maximum vertical velocity, averaged over 20 repeat cycles, for the flow
profiles of the 10 and 25 BPMs collected at different time points of the respiratory cycle. The data is
presented for each specified time point, gathered along the three identified sections (A, B and C). The
peak velocity is consistently higher in the rigid airway model than the actively deformed airway for all
time points before expiration commences. The results show that the difference in maximum velocity
between the actively deformed and rigid airways can be as high as 26%. With airway deformation above
the epiglottis, absence of flow through the piriform sinuses can be found, this is highlighted by the high
anterior flow through section A of the rigid airway in which there is higher adhesion to the rear of the
tongue. The standard deviation from figure 5 is recorded by taking the maximum vertical velocity from
each time point, averaged over twenty repeat cycles, as the population values, then averaging across both
BPM values. The standard deviation is then calculated using standard equations betweenthe maximum
values against the average. As such, the standard deviations in the figures can be used to infer the effects
associated with underlying differences in breathing frequency, and would also be an indicator of the
degree of underlying fluctuations or intermittency in the flow, it could also indicate a change in greater
out of plane motion. The magnitude of the error bars suggests that a rigid airway is more susceptible to
breathing frequency and that a actively deformed airway has the effects of reducing maximum velocity

for flow profiles downstream of the airway from where the airway deforms.
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Figure 5. Average maximum velocity for measurements taken at 10 and 25 BPMs at section A, B and C.

Discussion

To the best of the author’s knowledge, this is the first experimental research study performed to
understand the effects of respiratory flow pulsatility developed in a rigid
and actively deformed extrathoracic airway. According to studies performed using MRI [12], the
patterns of upper airway deformation can be different between individuals, and they are related to the
combined effects of passive and active deformation of the airway, where the latter is caused by
contraction of the upper airway muscles during respiration. This model is based on the images of a
singular individual, with an airway diameter below the 50th percentile for the available geometries. This
has resulted in a relatively low Reynolds number when modelling tidal breathing, this is due to the
necessity of thin walls for the model to emulate the deformation patterns evident in the upper airways.

When higher flow rates are modelled, passive deformation, which isn’t representative of airway
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deformation occurs. Furthermore, this is using generated flow profiles, as such these results may vary

between different models with different geometries.

A flexible airway model is unlikely to accurately replicate the actual deformation pattern of the pharynx
in humans, especially when the soft tissues surrounding the upper airway in the airway models are only
represented by a structure with uniform wall thickness. Subsequently, the collapse of airway model
replicas is unlikely to emulate physiologically realistic flow field in the airway. This is because
representing the pharynx boundaries using flexible membrane structure with uniform thickness will not
meaningfully emulate the heterogeneous mechanical properties and bulk soft tissue structures that

surround the pharynx [26].

The main finding from this study is that breathing frequency affects the flow field distinctively
in both the rigid and actively deformed airway models with the most dramatic effect occurring before
peak inspiratory flow (Time point IT). The principal mechanism for the changes in the velocity flow field
as a function of breathing frequency is primarily related to the differences in fluid mass entering the
airway in a given period. The magnitude of peak flow rate was maintained throughout the study in order
to provide a meaningful comparison on the effects that are solely caused by breathing frequency. While
this study doesn’t have any steady state flow conditions, they would be important for future validation.
The volume of fluid that enters the airway decreases with the increase in breathing frequency, which
resulted in a higher acceleration rate and higher average velocity in the mid sagittal plane of the airway.
This was evident at the onset of inspiration and expiration. At time point I, there was largly reduced fluid
flow through the midsaggital plane for the higher frequency models. There are a number of potential
causes for this effect. Firstly, it is important to note that the measurements do not account for the flows
external to the measured plane (midsagittal) and an additional study imaging the 3d flow field would be
highly valuable, although this isn’t within the scope of the current work. Additionally, the laser plane
used, in combination with standard PIV as opposed to Stereo PIV, may lead to a higher perspective

error. As the flow rate is the same for each compared time point between the breathing frequencies, the
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measured velocity field of lower value indicates alternate flow paths external to the midsaggital due to
mass conservation of the flow. Due to this effect being more pronounced at the onset of the cycles, it is
likely that residual flow is having an effect. This would explain why the higher frequency cycle (25
BPM), which had less time to stabilise the flow, exhibited more pronouced effects when changing from
expiration to inspiration or visa versa. Furthermore the rigid model, without the active deformation of
the airway, took longer to stabilise flow field as evidenced by the less homogenous flow in figures 3 and
4. The effects of respiratory rate became less pronouced as the cycle reached peak flows, where the flow

was stabilised.

Although the first insights of airway deformation and their effects on the velocity flow field
developed in the airway have been addressed[19], overview of the velocity flow field in a geometrically
realistic and actively deformed airway replica has not been demonstrated for a complete respiratory cycle
and the results are reported in this current study. It is important to note that as these measurements are
planar, they don’t account for out of plane flow, which may contribute to any errors or standard
deviations. Findings from this study provide further evidence that airway deformation at the level of the
soft palate [12,23] has the effect of homogenising flow downstream of the location where the airway
deforms. Deformation of the airway also results in a lower peak velocity magnitude compared to the
rigid airway models. In fact, the maximum velocity at the level of the airway above the epiglottis is
significantly lower in the actively deformed airway compared to the rigid airway for ~ 40% of the
respiratory cycle and before peak inspiration occurs. Interestingly, in the actively deformed airway

model, the average maximum velocity appears to be less affected by changes in breathing frequency.

The velocity flow field demonstrated in this current study is important and useful to validate the
accuracy of CFD models that simulate air flow in the pharynx. The cross sectional areas of the upper
airway model were consistent with what had been found in other physiological studies [27]. The
velocities found in the imaging were consistent with what had been calculated using the input flow rate
and the correlating cross sectional area. A general finding in published CFD work of upper airway flow,

which also typically simulates constant flow rate [20,25] is the presence of a jet flow at the posterior
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wall of the pharynx downstream of the epiglottis during inhalation.

This has been verified further through other CFD studies at similar low, transient flow
rates [18,28,29]. For further validation, clinical data of flow characteristics present in low flow rates
needs to be gathered. Vital anatomical features that are commonly missing in the replicas used in
previous work include the uvula, the piriform sinuses, and a fully protruding epiglottis. Results from this
current study show that the epiglottis and piriform sinuses result in a highly concentrated flow region at
the back of the tongue and the effect dissipates with airway wall deformation at the level of the soft
palate. In fact, deformation of the upper airway results in a distinctly different flow field as it
homogenises flow downstream of the deformation location and generates horizontal and posteriorly

directed flow (towards the back of the tongue) before peak inspiration occurs.

Conclusion

Despite the decades of intensive research on airway flow mechanics, there is very limited
experimental work for the validation of CFD models. This is despite the fact that both experimental
studies and simulations are complementary and play important roles in accomplishing the overarching
goal to improve the knowledge of airway flow dynamics. There is wide application of knowledge in
upper airway flows, and advancement in this field can continue to benefit from in-depth understanding
of upper airway physiology. At the flow-rates examined here, findings from the study indicate that
respiratory rate only has an impact without the presence of active deformation. The flow profiles for
both frequencies showed similar trends when combined with active deformation, with the main
differences emerging only between rigid model cases. This highlights the importance of including wall
movement in airways when modelling particle flow, and furthermore, it may have implications for both
sleep apnoea and mechanical ventilation of unconscious patients, where there is reduced upper airway
muscle activation. This current study, together with a few recent works, have unveiled new
information on flow dynamics which have been  previously overlooked. Further
research on physiologically  realistic airway flowis  necessary  to improve our

understanding of respiratory mechanics in health and disease.
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