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Abstract

Exploration of hybrid simulation methodologies for the computational study of
fluid flow phenomena in airways

In recent years, numerical simulation has emerged as a robust tool for the analysis of physio-
logical phenomena. The application of computational fluid dynamics (CFD) techniques to
the study of biofluids is a constantly growing field, especially the focus given to simulations of
blood through the circulatory system and air within the human airways. A high complexity
arises in the analysis of these systems. On the one hand, the extension and configuration of
the geometrical model (branches, networks), and on the other hand, the multiphysics nature
of many of these phenomena. This research work was developed with the aim of exploring
methodologies that help to simplify the complexity of simulations associated with biofluids,
particularly in human airways. In the first part, a specification of the basic concepts was
developed, focusing on the description of the airways and the fluid dynamics associated with
air transport in the respiratory system. In turn, a background of numerical simulation ap-
plied to biofluids, and a classification of the hybrid simulation methodologies was discussed.
In the second part, a first simplification strategy was studied, specifically the use of synthe-
tic airway models. For this purpose, a comparison study of the use of these models vs real
patient-specific models was carried out. In addition, a study of the effect of the variation
of some morphological parameters on the flow, such as bifurcation angle and carina radius
rounding, was developed. In the third part, the implementation and validation of a hybrid
simulation methodology was performed, based on a dimensional reduction from the airway
homothety ratios. A boundary condition for the pressure, which is the result of this metho-
dology, was implemented in a open source, and tested with two application cases: a study
of airways in asthma condition and a study of branch collapse. Finally, general conclusions
about the application of the spatial simplification strategy and the use of the hybrid simu-
lation methodology were detailed, as well as recommendations and future work.

Keywords: Computational Fluid Dynamics (CFD), Hybrid Numerical Simulation, Lo-
wer Airways, Homothety ratios, Real Airway Patient-Specific, Synthetic Airway Mo-
dels.
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Resumen

Exploraciéon de metodologias de simulacién hibridas para el estudio
computacional de fenémenos de flujos de fluidos en vias respiratorias

En los ultimos anos, la simulacién numérica se ha potenciado como una herramienta robusta
para el analisis de fenémenos fisiologicos. La aplicacion de técnicas de dindmica de fluidos
computacional (CFD) para el estudio de biofluidos es un campo en constante crecimiento, en
especial, el enfoque dado a las simulaciones de sangre a través del sistema circulatorio y de
aire a través de las vias respiratorias. Una elevada complejidad surge en el andlisis de estos
sistemas. Por un lado, la extensién y la configuracién del modelo geometrico (ramificaciones,
redes), y por otro, la naturaleza multifisica de muchos fenémenos. Este trabajo de investiga-
cién fue desarrollado con la intencién de explorar metodologias que ayuden a simplificar la
complejidad de las simulaciones asociadas a biofluidos, particularmente en vias respiratorias
humanas. En la primera parte, una especificacién de los conceptos basicos fue desarrolla-
da, centrandose en la descripcidan de las vias respiratorias y la dindmica de fluidos asociada
al transporte de aire en el sistema respiratorio. A su vez, un background de la simulacién
numérica aplicada a biofluidos, y la consecucién de una clasificacion de las metodologias de
simulacion hibridas, fue discutido. En la segunda parte, una primera estrategia de simplifi-
cacion fue estudiada, especificamente el uso de modelos sintéticos de vias respiratorias. Para
esto, un estudio de comparacion del uso de estos modelos contra los modelos reales especifi-
cos de paciente fue llevado a cabo. Ademas, un estudio del efecto de la variacion de algunos
parametros morfolégicos sobre el flujo, como lo son el angulo de bifurcacién y el redondeo
de radio de carina, fue desarrollado. En la tercera parte, la implementacién y validacién de
una metodologia de simulacion hibrida fue realizada, basados en una reduccién dimensional
a partir de los factores homotéticos de vias respiratorias. Una condicién de frontera para la
presion, la cual es el resultado de dicha metodologia, fue implementada en un software libre,
y puesta a prueba con dos casos aplicativos: un estudio de vias respiratorias en condicion de
asma y un estudio de colapso de ramificaciones. Finalmente, las conclusiones generales acerca
de la aplicacion de la estrategia de simplificacion espacial y del uso de la metodologia de si-
mulacién hibrida fueron detalladas, asi como las debidas recomendaciones y trabajos futuros.

Palabras clave: Dindmica de fluidos computacional (CFD), Simulacién numérica hibri-
da, vias respiratorias inferiores, Factores homotéticos, Modelos de vias respiratorias

reales de paciente especifico, Modelos sintéticos de vias respiratorias.
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1. Introduction and background

The human body is a structured organism made up of a large number of systems with specific
functions. From the muscles and skeleton, to the respiratory and reproductive systems, each
of these systems works and interacts with the others in order to maintain life. Some of these
processes carried out inside the body involve the transport of a fluid (more commonly known
as biofluids), covering blood circulation, urine production, saliva generation or air transport,
among others. The main human biological systems associated with fluid transport are:

o The circulatory system has the function of transporting blood through the body.
The blood is a non-Newtonian fluid containt living cells and plasma (Formaggia et al.
[35]). As Shi et al. [102] indicates, the circulation can be divided according to its
functionality into: pulmonary, which refers to the transport of blood to the lungs and its
respective oxygenation process; and systemic, which refers to the distribution of blood
to the rest of the organs. The circulatory system consists of the four chamber heart,
the aorta/pulmonary artery, main and small arteries, arterioles, capillaries, venules,
veins, and vena cava/pulmonary vein.

o The urinary system, as illustrated by Marieb and Hoehn [67], has as its main fun-
ction the elimination of waste products (toxins, drugs), the regulation of homeostasis
(water balance, red cell production, and others) and converting vitamin D into its ac-
tive form. This system is composed of kidney, renal vein, renal artery, ureter, urinary
bladder and urethra (Sherwood [101]). The fluid transported by this system is urine.
Urine is a fluid that, as denoted by studies such as those carried out by Kren et al. [56]
and Herranz et al. [43], is generally described as Newtonian, although under certain
compositional considerations it may behave as non-Newtonian fluid.

¢ The lymphatic system has the main function of regulate the amount of fluids in the
human body, and nowadays, as described by Nipper and Dixon [80], it has also been
shown to be relevant in the generation of immune cells and in pathological processes
such as cancer and tissue inflammation. This system is composed, as indicated by
Swartz [109], by lymph nodes, capillaries, collecting vessels, trunks, and ducts. The
fluid transported by this system is the lymph, a liquid which, like blood, contains
white blood cells.

o The respiratory system is the main focus of this research work. Therefore, a more
detailed description of the study is presented below.
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1.1. Human respiratory system

As indicated by West [120], the human respiratory system is responsible for the transport of
oxygen from the outside into the venous blood, and carbon dioxide in the opposite direction.
The respiratory morphophysiology, breathing mechanics and the main pathologies that affect
this system are briefly described in this section.

1.1.1. Morphophysiology

The respiratory system is analyzed by Bair [4] as a succession of three zones: extrathoracic
region, tracheobrochial region and the alveolar region. This distribution and its respective
components can be seen in the Figure 1-1. The particularities of each of the regions are
presented in the following diagram:

- This region is comprised from the trachea,
Extrathoracic ; ) .
> ] » passing through the main bronchi and
feglon reaching the terminal bronchioles
This region corresponds to the upper part
- _ of the system. It is mainly composed by
Respiratory Tracheobronchial . .
. > . » the anterior and posterior nasal passage,
sistem region . ..
the pharynx (in turn divided on nasal and
oral part) and the larynx
This region is distributed distributed
Alveolar D . .
> . » mainly in respiratory bronchi, alveolar
region .
ducts and alveoli

In a similar manner, authors such as West [120] and Finucane et al. [34] identify two regions
into which the airways are divided: lower and upper. The upper airway begins in the nose,
continuing to the oral cavity and pharynx (being then an analogy to Extrathoracic region).
On the other hand, the lower airway comprise the Tracheobronchial and alveolar region. As
discussed by West [120], this region is divided in the following parts:

1. Conducting zone

Its main function is the transport of air from the upper airways to the respiratory
transition zone. This area consists of:
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Figure 1-1.: Respiratory system composition. Taken from Bair [4]

- Trachea: As explained by Minnich and Mathisen [72], the trachea extends from
the lower border of the cricoid cartilage to the carina, this being the exact point of
bifurcation. Its dimensions range from 2.3 cm (measured in the coronal plane) to
1.8 cm (measured in the sagittal plane) for the diameter, while the length varies
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between 10 cm and 13 cm. The trachea are compsed by cartilaginous rings, as
indcated Levitzky [60].

- Main bronchi: At the carina point the airways divide into two branches known
as main bronchi. Generally, as indicated by Suarez et al. [108], the right main
bronchus is shorter than the left main bronchus. In turn, the right bronchus divides
into three lobar bronchi and the left bronchus divides into two lobar bronchi.

- Bronchioles: the bronchioles are branches coming from the main bronchi. Their
main characteristic is that they do not have cartilaginous rings, so they are prone
to collapse (Levitzky [60]).

2. Transitional and respiratory zone

Comprised from the respiratory bronchioles to the alveolar sacs. Its function involves
gas exchange. This area consists of:

- Respiratory Bronchioles: The respiratory bronchioles supply the smallest
anatomic unit of the lung, i.e the pulmonary lobule (Suarez et al. [108]). In ad-
dition, each of these contain a number of alveolar ducts varying from 2 to 11.
As stated by Basil and Morrisey [5], the respiratory bronchioles are involved in
obstructive pathologies of the respiratory system such as COPD.

- Alveolar ducts: as explained by Suarez et al. [108], alveolar ducts are structures
that have a wall formed by alveoli and sparse bundles of smooth muscle

- Alveolar sacs: the alveolar sacs are the last structure found in the morphology
of the airways, and are mainly responsible for gas exchange. As reported by Suarez
et al. [108], each alveolar duct is derived from six alveolar sacs.

1.1.2. Breathing mechanics

The human breathing cycle can be either natural or assisted (i.e., using mechanical ventila-
tion techniques). The two types are summarized below:

1. Natural breathing

As described by Aliverti and Pedotti [3], the act of breathing is due to the genera-
tion of a pressure gradient between the environment and the alveolar zone. Alveolar
pressure is the air pressure contained in the alveoli. As indicated by Levitzky [60],
when discussing breathing mechanics it is convenient to assume a value of 0 cm H,O for
atmospheric pressure. Thus, if the alveolar pressure is less than atmospheric pressure
it is considered as negative pressure breathing. During the process of respiratory inha-
lation, the alveolar pressure is lower than the atmospheric pressure, and the internal
muscles (mainly the diaphragm and the externals intercostals) are contracted allowing
the increase of thoracic space, inciting the transport of air from the nose. On the other
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hand, during respiratory ezhalation, relaxation of the internal muscles and pulmonary

elastic recovery influence the outflow of carbon dioxide from the alveolar zone to the

exterior.

In a breathing process, the tidal volume is the volume of air that circulates during

inhalation and exhalation of breath. Figure 1-2 shows the curves for an idealized

breathing cycle, with a flow rate of 0,5 L/s. It can be seen how during inhalation (from

0 to 2 seconds) the alveolar pressure varies between 0 cmH,O and —1 emH,O, thus

producing the gradient with the environment, being this negative value the reference for

inhalation. Then, during the other two seconds, the positive alveolar between 0 cm H,O

and 1 emH,0O pressure value indicates exhalation.

Figure 1-2.:

0.5 —tidal volume _{
L N
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.I'.r.- \"-"'.
u|3 — I..l' '\..1
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02 / N
:_.": 1‘-‘
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x‘\-\\\ f’_-.l
A |
0 1 2 3 B
seconds

Volume, pressure, and airflow changes during a single idealized respiratory
cycle. Taken from Levitzky [60]

In the Figure 1-2, the 4 seconds represent one breathing cycle. To know the respiration

rates it

is enough to see how many cycles are repeated in one minute. Some reference

values for resting breathing depending on the age are shown in Table 1-1.
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Age Breaths per minute
Birth to 6 weeks 30-60
6 months 25-40
3 years 20-30
6 years 18-25
10 years 15-20
Adults 12-20

Table 1-1.: Reference values for resting breathing

2. Mechanical ventilation

Mechanical ventilation, as discussed by Gutiérrez Munoz [41], is a therapeutic alterna-
tive that provides patients with respiratory failure the support to be able to perform
the breathing process in an unnatural way. This implies that the pressure gradient
previously generated naturally will now be produced through a machine known as a
mechanical ventilator. This process can be both invasive and non-invasive. As stated
by Castillo et al. [17], invasive ventilation requires orotracheal intubation, which in-
volves the introduction of a tube from the upper airway into the trachea. In contrast,
noninvasive ventilation is performed through face masks or nasal masks, avoiding in-
tubation.

Some modes of mechanical ventilation are:

¢ Volume assist-control ventilation (VCV) is a ventilation model characterized
by the control tidal volume, being delivered as a natural response to the patient’s
inspiratory effort. As indicated by Warner and Patel [116], this process generates
a decrease in the work of breathing, thus generating adequate oxygenation.

¢ Synchronized Intermittent Mandatory Ventilation (SIMYV) is a ventila-
tion mode with a similar configuration to VCV, but with the addition of a pre-set
pressure to support spontaneous breathing.

¢ Pressure-Support Ventilation (PSV) is a ventilation which the controlled
support pressure. As explained by Warner and Patel [116], this method is the
evolution of SIMV, as it focuses on increasing the patient’s spontaneous inspira-
tory effort by controlling positive airway pressure.

¢ High frequency oscillatory ventilation (HFOV) is a mechanical process
that, as discussed by Choi et al. [22], has the particularity of working with small
tidal volumes and a higher breathing frequency. It is currently a technique used
especially in neonatal patients. As shown in the study by Bauer and Briicker [7],
HFOV is an efficient technique for airway reopening.
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Figure 1-3 show the comparative curves for airflow and pressure vs time for VCV and

PSV modes.
VACV f ‘ PACV
10 -

Airway
pressure
no
o
|

Flow

0 1 2 3 0 1 2 3
Time (sec) Time (sec)
e >
Figure 1-3.: Curves comparison between VCV (left) and PSV (right) modes. Taken from
Warner and Patel [116]

1.1.3. Respiratory pathophysiology

The focus of pathophysiology is the study of diseases of living systems. As described by West
[119], the respiratory system can develop four types of pathologies:

1. Obstructive diseases: As the name implies, they are those that generate an alteration
of the surrounding flow due to obstructions. The most common cases are asthma,
chronic obstructive pulmonary disease (COPD) and chronic bronchitis.

2. Restrictive diseases: these are characterized by affecting lung expansion, mainly due
to parenchymal diseases, pulmonary fibrosis and pleural diseases.

3. Vascular diseases: These are those that affect in some way the normal blood flow.
The most common cases are pulmonary edema, pulmonary embolism and pulmonary
hypertension.

4. Environmental and other diseases: This type refers mainly to diseases produced
from the inhalation of particles and pollutants. Cases such as bronchial carcinoma,
pneumoconiosis or tuberculosis are caused by inhaled external agents.

In this research work, special attention was paid to obstructive diseases, particularly asthma
and COPD, since some numerical simulation methodologies will be evaluated on airways
with these conditions. The basic concepts of these two diseases are cited below:
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= Asthma According to data from the study conducted by Lambrecht and Hammad
[58], more than 300 million people around the world are affected by this pathology. As
defined by West [119], asthma manifests as a narrowing of the airways. This contraction
can be generated due to asthmatic antigens, some infections or even an exercise-induced
case. As shown in Figure 1-4, the decrease in the cross-sectional area of the branches is
due to several aspects: on the one hand, the inner muscle of the airway wall undergoes
hypertrophy, generating a contraction. On the other hand, an increase in the size of
the mucous glands is evident, as well as the generation of mucus inside the branch.

Moco en la
via aérea
Edemadela
mucosa

Aumento de
las glandulas
mucosas

Musculo
hipertrofiado
contraido

Figure 1-4.: Bronchial wall contraction for healthy (left) and asthmatic (right) airways.
Taken from West [119]

» Chronic Obstructive Pulmonary Disease (COPD)

Similar to asthma, the The Chronic Obstructive Pulmonary Disease (COPD) is cha-
racterized by a progressive decrease in the cross-sectional area of the airways, with the
difference that this phenomenon is due to inflammation and widening of the walls. As

Johari et al. [51] emphasizes, at least 12 million people worldwide have been diagnosed
with COPD.

Some research efforts have focused on the physiological characterization of the airways with
asthma and COPD condition. In the study carried out by Wiggs et al. [121], the dimensions
of a tracheobronchial tree in an asthmatic condition were characterized. Table 1-2 shows
these contracted dimensions against healthy airways for generation 0 to 16, covering the
conducting zone. It can be seen how this narrowing affects only the cross section, while the
lengths remain unchanged. In a subsequent study, Wiggs et al. [122] used the same model
to analyze the effect of airway wall thickness on asthma and COPD conditions.

1.2. Numerical simulation of biofluids

The study of the behavior of fluids transported in the human body is a field of special interest
to medicine and science. Over the years, numerical simulation has proven to be an efficient
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) Airway Relaxed Contracted
Gen | Airways ) )
length [cm] | diameter [cm] | diameter [cm]

0 1 12.000 1.800 1.340

1 2 4.782 1.221 0.909

2 4 1.906 0.828 0.501

3 8 0.760 0.562 0.250

4 16 1.267 0.445 0.197

5 32 1.069 0.351 0.154

6 64 0.901 0.281 0.122

7 128 0.761 0.227 0.098

8 256 0.642 0.186 0.079

9 012 0.541 0.154 0.065

10 1024 0.457 0.130 0.054

11 2048 0.385 0.110 0.045

12 4096 0.325 0.095 0.038

13 8192 0.274 0.083 0.032

14 16384 0.231 0.073 0.028

15 32768 0.195 0.065 0.024

16 65536 0.165 0.059 0.021

Table 1-2.: Dimensions of healthy (relaxed) and asthmatic (contracted) airways. Model
proposed by Wiggs et al. [121]

and robust tool for the analysis of biofluid phenomena, given the possibility of solving the
governing equations over highly complex geometries and physiological domains.

One of the systems most explored through computational simulation is the circulatory
system. The phenomena associated with blood transport present a complexity associated
with the non-Newtonian nature of the fluid. Some studies, such as the one developed by
Chen et al. [19], focus on analyzing the effect between the Newtonian and non-Newtonian
consideration of the blood. Other investigations have focused on phenomena associated with
the morphophysiology of veins and arteries, such as those developed by Perktold and Hilbert
[89] and Politis et al. [91]. Likewise, numerical simulation is also applied in the study of
pathologies associated with circulation, as well as devices and equipment to treat these
diseases. Research on cerebral aneurysms (Berg et al. [11]), ven Hypertension with and
without Thrombosis (Petkova et al. [90]) and the analysis of fluid dynamics behind blood
pumps (Behbahani et al. [9]) are examples of these approaches. Joel and Anburajan [50]
develops a study of the functioning of an artery with a stenosis condition and its respective
treatment with a stent. His results show that, as illustrated in the Figure 1-5, the thinning
produced by the stenosis generates an increase in velocity (and thus in shear stresses), an
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effect that is counteracted by the reopening generated by stent placement.

1. Normal 2.Stenosed

3.Model with Stent

Figure 1-5.: Velocity streamlines in a Carotid Artery Treated with Stent. Taken from Joel
and Anburajan [50]

The urinary and lymphatic systems are also studied by numerical simulation. As with
the circulatory system, the complexity of the nature of the fluid presents a challenge for
these studies. The distributions of pressure, velocity and shear stresses in the urethra are
discussed in the research implemented by Niu and Chang [81]. The analysis of diseases
and post-surgery is reflected in some studies, such as the one performed by Zhang et al.
[126], who developed an investigation on urine flow in prostatic urethra after transurethral
surgery using computational fluid dynamics techniques (CFD). The morphological basis and
the velocity fields obtained with the numerical model can be seen in Figure 1-6. A similar
work in the urine flow in a stented ureter with no peristalsis were carried out by Kim et al.
[55]. Current developments have demonstrated the relationship of the lymphatic system to
diseases such as cancer. In fact, the study conducted by Shojaee and Niroomand-Oscuii [103]
focused on the uptake and elimination of drugs through vascularized cancer tissue, based on
the numerical modeling of some parameters associated with the lymph.

Along with the circulatory system, the respiratory system is one of the most frequently
analyzed using numerical models. One of the main applications is based on the study of
diseases and pathologies of the airways, with studies on asthma and COPD, such as those
carried out by Tsega and Katiyar [111],Chowdhary et al. [23], Yang et al. [124] and Mutuku
et al. [77] or the analysis of airways with stenosis conditions carried out by Malve et al. [65],
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Figure 1-6.: Numerical study of a prostatic urethra after transurethral surgery. Taken from
Zhang et al. [120]

Brouns et al. [14] and Taherian et al. [110]. The Figure 1-7 illustrates the cross-sectional
thinning effect of the stenosis, which is evidenced as an increase in the shear stresses de-
veloped in the human trachea. Another extensively studied topic is the analysis of particle
transport and deposition. Some investigations, such as those carried out by Ciloglu and
Karaman [25], Lal [57] and Hofmann [44], show that the highest concentration of particles
aspirated through the pathways is concentrated in the carina and subsequent bifurcation
points.

All numerical studies performed on human airways require computational domain. This
domain is obtained from the discretization of the branched geometry. In general, two types
of geometries are employed:

1. The synthetic models are developed as a geometrical simplification of the airways, sin-
ce they describe the branches as pipes of known diameter, length and angles. One of
the most complete and widely used model was performed by Weibel et al. [117]. From
experimentation and statistical methods he developed a model of morphological cha-
racterization of the entire bronchial tree. This model provides information on lengths,
diameters and cross-sectional areas for each of the 24 generations starting from the
trachea, i.e. generation 0, and ending at the alveolar sacs, i.e. generation 23. The di-
mensions and distribution of the model developed by Weibel et al. [117] are shown in
Figure 1-8. The zones described above can be clearly identified, with the conduction
zone comprising the first 17 generations, and the respiration and transition zones the
next 6. The study performed by [61] using an advanced MRI method showed how Wei-
bel’s model prescribes, in a very accurate way, the average dimensions of a random
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Figure 1-7.: Wall shear stress comparison in healthy and stenotic airways. Taken from Tahe-
rian et al. [110]
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Figure 1-8.: Weibel’s airways model. Taken from Levitzky [60]
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2. The real patient-specific models, which are obtained from the segmentation of medical
images, coming from the computed axial tomography of a human thorax. The Figure
1-7 is an example of this type of model. A highly accurate digital model is obtained by
Schmidt et al. [97] from a segmentation process known as the threshold method. This
model was later used by Gemci et al. [39] to develop one of the first numerical studies
using a large number of generation (more than 16), although with a high computational
cost, as Gemei et al. [39] indicates.

Complexity of airways numerical simulations

As shown in Figure 1-8, the number of branches in the human airways grows in 2V ex-
ponential form, with N being the number of generations. This results in a total of 65536
branches at the end of the driving zone. This highlights one of the main problems of airway
simulations: dimensional complexity. The development of synthetic models is a process
that can become difficult and tedious as it progresses through the generations, even leading
to clashes and interferences between branches that are impossible to avoid. In turn, this is
also reflected in the real patient-specific models, since as the number of branches increases,
the segmentation process becomes more complex and the result more erratic, resulting in
low-quality 3D models. In addition, from the various applications described above, a second
problem of complexity arises: the multiphysics nature of many phenomena. Flows with
dispersion of particles and contaminants, deformation and movement of airway walls during
inhalation and exhalation processes, are examples of problems that require the application
of different techniques to be solved. One of the implications of the situations described above
is the high computational cost, evidenced mainly by long simulation times and the need
to use high-performance computing machines. In order to solve these and other problems
associated with numerical airway simulations, hybrid simulation techniques have been
developed as tools capable of solving highly complex cases, and with reduced computational
costs relative to other simulation strategies.

1.2.1. Hybrid simulation techniques

Hybrid simulation techniques are developed with the aim of reaching the numerical solution
of complex problems, based on methodologies that simplify the computational execution. For
biofluidic phenomena, hybrid strategies usually focus on three main techniques: Reduced Di-
mensional Models, Temporal coupling techniques and coupled algorithms. A brief description
of these techniques is given below.

o Reduced Dimensional Models

In the analysis of branched systems, the techniques associated with the management of
spatial scales are presented as an ideal tool for the simplification and generalization of
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the system under study. Within the field of biofluids, the coupling of 3D to 0D models
have been extensively studied, where:

o 0D models are those based on basic principles and analogies, such as electrical
analogies, impedance, mechanical analogies, and others.

© 1D models are linear or nonlinear models represented through the coupling of
differential equations. For example, the equations derived from the representation
of any system as a spring-damper mechanism.

¢ 2D models involve the solution of the governing equations over a domain in a two
dimensional space.

o 3D models, similar to 2D models, involve solving the governing equations over a
domain in a tridimensional space.

One of the most employed coupled algorithms for blood simulations was develop by
Olufsen [82]. Considering the small arteries like a tree structure, a pressure boundary
condition based on a 0d impedance model was implemented in his study. The novelty
of this boundary condition is that it allows taking into account the effects associated
with the wall mechanics, since it involves the elastic properties of the wall. By applying
this condition to 2D and 3D models, an effective dimensional simplification is obtained
that allows a more accurate assessment of blood flow. This model has been extended
to a large number of applications and studies such as performed by Olufsen et al. [83],
Steele et al. [107] and Colebank et al. [26]. As with this impedance approach, there
are other models developed that attempt to look for spatial reduction in blood flow
simulations. The mathematical model implemented by Blanco et al. [13] for pulsatile
flows is based on integrating the axial component of the momentum equation, a 1D
model that modifies the Womersley velocity profiles at each simulation step.

In a similar manner to the study of blood flow, the analysis of the airflow within
the human airways has implemented the use of dimensional reduction methodologies.
In early studies of pressure drops across the respiratory system developed by Pedley
(Pedley et al. [86], Pedley et al. [88], Pedley et al. [87]), experiments and validations on
airway models were developed. The results allowed to characterize the behavior of air
resistance and pressure through the branches as a as 0d model derived from a Hagen-
Poiseuille flow resistance. A complete description of the respiratory system based on
1D models is developed by Bates [6]. starting with a simple linear model that describes
system pressures and fluid resistance through a differential equation. A more complete
model can be seen in Figure 1-9. In this model, the nonlinearity of the mechanical
properties of the lung is taken into account.

From the incorporation of electromechanical analogies, Bates [6] extends the capability
of the model by considering mechanical properties such as elastance and compliance.
A second orden differential equations was obtained. This model have the ability to
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Figure 1-9.: Nonlinear single-compartment model of the lung. Taken from Bates [6]

represent in a more complete way the flows in airways, retaining the resistive and ca-
pacitive inputs derived from the system. The compliance for a single pipe, as discussed
by Olufsen [82], can be described as a relation between the radius, elastance and wall
thickness. This analogy shows how the mechanical properties of the wall influence the
distensibility during the act of breathing. Thus, it is possible to analyze the effect of
pressure on the walls of the airways and lungs in the respiratory system during the
breathing process.

A large number of studies have adopted the impedance model in blood flows developed
by Olufsen [82] to interpret lung behavior. In fact, some investigations such as those
carried out by Ismail et al. [48],Roth et al. [93], Roth et al. [94] and Yoshihara et al.
[125] present very complete models of the respiratory system, adopting 0d, 1D and 3D
models, as the model shown in Figure 1-10

This methodology consists of the development of the governing equations in a 3D
model for the first generations of a bronchial tree. For the boundary conditions, a
series of 1D models are applied based on the simplifications described by Bates [6]
, and defining parameters such as resistance from 0d models as discussed by Pedley
et al. [86]. In addition, to extend the model beyond the driving zone, Ismail et al. [48]
characterizes the behavior of the acinar zone from 1D models that represent the alveoli
as an interconnected mechanical spring-damper system.
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Figure 1-10.: Parts of the hybrid airway model. Taken from Ismail et al. [4§]

These study illustrates the capability of coupled models, using 3d to 0d reduced di-
mensional models, to analyze the system at different scales.

o Temporal coupling techniques

There are physical phenomena that occur at different time scales, i.e., while one part
of the phenomenon is taking place at a time 7', another part of it is occurring at a
different time ¢. As described by Lockerby et al. [64], in the numerical simulation of
these phenomena it is possible to perform time scale separations: macro processes are
analyzed with a time step AT and micro processes with a At scale. In fact, Lockerby
et al. [64] develops a series of possible coupling algorithms. In this algorithms some fields
are calculated on the macro time scale and sent as input to the micro time scale, which
calculates another field and sends the information back to the macro. Biological flows
are phenomena that present these scale variations. While some phenomena such as the
transport of blood is developed on the macro scale, phenomena such as the movement of
platelets are developed on small time scales. For this case, Zhang et al. [127] develops a
multiple time stepping algorithm which uses a nanostructural integrator to couple these
phenomena that happen in nano seconds (platelets) and in micro seconds (fluid blood).
Along the same lines, the phenomena developed in the airways also present variability
in time scales. The transport of airflow in the upper airways takes a different time scale
than the transport in the acinar zone. The multiscale airway analysis implemented by
Fan et al. [31] shows a complete development of spatial and temporal scales variations.
For temporal scale, the continuous micro solution-intermittent coupling (CI) method
developed by Lockerby et al. [64] was employed. In this method, as seen in the Figure
1-11, a separation of the scales is given using a AT time step for the macro space, and
a smaller At time step for the micro space.
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Figure 1-11.: Continuous micro solution-intermittent coupling (CI) method. Taken from
Fan et al. [31]

The time steps are related by an integer value 7, being At a scaled value nAT. The
velocity is calculated in macro space and sends this information to micro space, where
the pressure is calculated and returned to macro space.

> Coupled algorithms

One of the most widely used hybrid simulation methods is the combination of algo-
rithms for the solution of a multiphysics problem. This methodologies represents the
possibility of solving problems associated with complex fluid phenomena involving dif-
ferent scales, fluid phases, etc. Techniques such as the discrete element method (DEM)
and Smoothed-particle hydrodynamics (SPH) are combined with CED for the analysis
of particulate fluids. These methods can be described as

o Discrete element method (DEM), as described by Blais et al. [12], is a technique
that focuses on analyzing the behavior of particles from a Lagrangian conception,
specifically granular material and fine powders.

o Smoothed-particle hydrodynamics (SPH) is a method based directly on the par-
ticle. As defined by Monaghan [75], the method consists of replacing the fluid
medium by particles, in order to arrive at an approximation of the solution of the
governing equations. As stated by Monaghan [74], the main characteristic of this
technique is that it does not require a computational grid.

Phenomena such as fluidized granular systems (Jajcevic et al. [49], Fries et al. [37]),
analysis of the lubrication process (Campos et al. [16], Paggi et al. [85]) and even in
biomedical applications such as particle transport through blood (Vasquez Giuliano
et al. [113], Nair et al. [78],Shahriari and Garcia [100]) can be analized from the ap-
plication of these techniques. As expected, at the level of airway simulations these
methods represent a powerful tool, given the number of particle transport phenomena
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that occur in the breathing process, either by dispersion of pollutants, drug delivery
and so on. The research work carried out by Chen et al. [21], Feng and Kleinstreuer
[32] and WANG [115] shows how the transport and deposition of particles in the air-
ways can be studied by interrelating CFD techniques to solve the continuous phase,
i.e. fluid motion, with DEM for the dispersed phase, solving not only the phases inde-
pendently, but also showing the effect of the interaction between phases. Figure 1-12
shows how the particle dispersion occurs when crossing the points of bifurcation of
the tracks at different time instants (results obtained by Chen et al. [21] by DEM and
CFD coupling).
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Figure 1-12.: Particle dispersation in airways single model. Taken from Chen et al. [21]

As well as particle and pollutant dispersion studies, , another matter of interest focu-
ses on the study and development of respiratory inhalers. As discussed in the research
carried out by Ruzycki et al. [95], the importance of the application of CFD techniques
for the design of drug inhalation devices has been extending over time, with a parti-
cular focus on these coupled methodologies that allow the study of these multiphysics
phenomena. An example of this is the research carried out by Ponzini et al. [92], in
which he studied the development of dry powder inhalers from a coupled CFD-DEM
algorithm. As can be seen in the Figure 1-13, the fields associated with the fluid were
developed on one side (CFD), and the results were subsequently coupled to analyze
their influence on the particulate medium (DEM).
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Figure 1-13.: CFD vs Hybrid CFD+DEM simulation. Taken from Ponzini et al. [92]

Within the investigations associated with airways, particular attention has been fo-
cused on the influence of the wall mechanics behaviour on the flow. The airway wall,
as shown in the review work by Kamm [52], is a complex network of tissues, mucous
membranes and layers with different biological properties. As discussed in the compa-
rative work carried out by Green [40], the consideration of the mechanical properties of
the wall, particularly its elasticity, has an impact on the flow development, especially
in the accumulation of wall shear stresses which increase considerably if a stiff wall is
considered. In fact, the investigation carried out by Xia et al. [123] illustrates that, as
shown in Figure 1-14, the shear stresses at the bifurcation decrease by up to five times
when wall deformation is considered.
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Figure 1-14.: Comparison between rigid and flexible walls. Taken from Xia et al. [123]

Fluid-structure interaction techniques are applied in order to understand these fluid
and mechanical coupled behaviors. Many studies such as those conducted by Shukla
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et al. [104], Mehra [71] and [18] show coupling approaches between CFD tools for the
analysis of the flow development and a complement with finite element analysis (FEM)
for the mechanical interaction. As discused by Sidhaye et al. [105] and Dailey et al. [28],
the low levels of the deformation of the epithelial cells are associated with a decreases
of the wall shear stresses on the wall, which demonstrates the importance of going into
deformation analysis for mechanobiological purposes.



2. Airways fluids dynamics

2.1. Mathematical model

2.1.1. Governing fluid equations

The physical behavior of any fluid can be described from the Navier-Stokes equations:
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Equations 2-1, 2-2 and 2-3 include conservation of mass, momentum and energy, respectively.
The application of these equations depends on the type and conditions of the flow to be
analyzed.

Under normal breathing conditions the working fluid is air. The air is a Newtonian fluid
since the shear stress is related to the rate of shearing strain by the linear expression

T = [y (2-4)

where 7 is the shear stress, 7 is the rate of shearing strain and p the constant absolute
viscosity. The kinematic and absolute viscosity are related by the equation

v="1 (2-5)

p
where v is the kinematic viscosity and p the density. For the breathing regimes described
above, the flow rates achieved are low. Under this condition the fluid density will remain
constant, so it can be considered as incompressible flow. Also, temperature changes are not
significant, so the flow is considered isothermal.

Knowing the conditions and particularities of the flow, we proceed to simplify the governing
equations. From Eq. 2-1, i.e. conservation of mass, the density of the fluid is constant, so
that the divergence of the velocity is zero:

V-¥=0 (2-6)
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where v is the the velocity vector field.

For conservation of momentum, Eq. 2-1, the stress tensor 7 can be obtained from Eq. 2-4
(Newtonian flow). Furthermore, taking into account the zero velocity divergence and that
the effect of gravity is not considered, the following expression is obtained:

o¥
P ot

where ¥ is the velocity vector field and p the pressure.

+p(V- V)V = =Vp + uV¥ (2-7)

Due to the consideration of isothermal flow, the equation for energy conservation is neglected.

2.1.2. Dimensionless parameters

There are two dimensionless parameters which allow to determine and characterize the dyna-
mics of air flowing through the airways: The Reynolds number and the Womersley Number,
which are detailed below.

Reynolds number (Re)

As described by Fine [33], the Reynolds number (Re) is a dimensionless parameter that
relates inertial forces to viscous forces. This number establishes the flow regime, which can
be laminar, transitional or turbulent and can be described mathematically as

. p UGUC D
1
Where p is the fluid density, Uy, the mean velocity, D the characteristic length and p the

Re (2-8)

dynamic viscosity. In the case of circular cross-section pipes it has been established a that
laminar flow occurs up to Re=2000, transitional regime between Re=2000 and Re=4000
and turbulent regime higher than Re=4000. The regime of human respiration under normal
conditions, as discussed by Liu et al. [63], ranges from 0,27 - 2,16 [/s. This imply a Re number
variation between 200 to 2600. Due to the morphology of the upper airways, the flow lines
tend to become disordered and turbulent. However, as Fine [33] indicates, as the flow travels
through the trachea and bronchi, the flow transitions from transitional to laminar, even
reaching a stokes flow in the alveolar region.

Womersley number (o)
On the other hand, the Womersley Number Wo is a dimensionless parameter that, as Fine
[33] explains, relates the transient forces to the viscous forces. Mathematically it is expressed

Wo = g\@ (2.9)

Where w is the frequency and v the kinematic viscosity. This parameter is of special impor-

as

tance in pulsating flows since it allows to characterize the dynamics of the flow depending
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on its oscillation frequency. As discussed by Gaddam and Santhanakrishnan [38], the normal
breathing rate for an adult person ranges from 10 to 15 breaths per minute. For these ranges
Wo numbers are obtained from between 2.41 to 2.95. As indicated by Bauer and Briicker
[8], during mechanical ventilation this parameter can vary from 3 (in common mechanical
ventilation as VACV) to 15 (in uncommon mechanical ventilation as HFOV).

2.2. Numerical methods

As indicated by Oro [84], the numerical simulations using CFD techniques have the structure
shwon in Figure 2-1.

Pre-process Solver
Post-process
Geometry modeling > Physical models >
Analysis of results
Meshing Solution of the equations

Figure 2-1.: CFD structure process

Each of the steps in the numerical simulation framework applied in this thesis work is
specified below.

2.2.1. Pre-processing

The preprocessing within the numerical simulation involves the preparation and adaptation
of the computational domain, from the geometry conception to the mesh generation process.
For the numerical study of airways in the conduction zone (i.e. from generation 0 to 16 in
the weibel model), two types of geometries are usually applied: synthetic models and real
patient-specific models.

The definition and preparation of each of the geometries implemented in this work (whether
synthetic or real patient-specific) are described in each respective chapter.

In order to solve the governing equations using a numerical method, it is necessary to generate
a computational mesh. These meshes can be of structured type (which present a specific and
ordered coordinate system) and unstructured (they are constituted through not necessarily
ordered directions).

In the development of this research work, unstructured meshes are used for all numerical
simulations, due to the level of difficulty that would imply developing these geometries
(especially those obtained from medical image segmentation) using structured meshes. For
this purpose, the native unstructured mesher snappyHexMesh, implemented through the
open source OpenFOAM, were selected. The number of cells used are specified in each
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particular simulation case. This cell quantity is based on a mesh independence criterion,
which ensures that the computational domain will not have a direct effect on the numerical
results obtained.

2.2.2. Solver

The process of numerical solution of the physical phenomenon is summarized in the solution
of the governing equations. The finite volume method (FVM) was selected and applied in
the development of this work. Considering a control volume V' and a specific variable ¢.
As described by Oro [84], it is possible to express the time variation of ¢ through VC from
a conservation principle

Net flux of .
Increase of ® entering Net generation
®inVC = the VC through + | of @ inside the

over time VC over time

the surfaces

This general equation of conservation can be represented in terms of divergences (i.e., in
conservative form) as

X9) |9 - (pi9) = V- (1V6) + 5, (2-10)

Each of the terms in Eq. 2-10 describes:

¢ The temporal component (first term), i.e. the accumulation or decrease of ¢ in the VC
over time.

¢ The convective component (second term), which represents the transport of the variable
through the flow velocity.

o The diffusive component (third Term), which corresponds to the transport phenomena
occurring at the molecular level

¢ The source (last term), to take into account sources of generation or destruction of the
transported variable.

The finite volume method is developed from the integration of Eq. 2-10 on a three-dimensional
control volume V:

/V%WJF/VV'(PW) dV:/VV'(FW)) dv+/vs¢ dv (2-11)

Applying the Gauss theorem of divergence in Eq. 2-11 A we will have:
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gt/ ¢dV+/S(pV¢>-dfT:/S(Fw)-d/T+/V5¢ % (2-12)

If we consider non-steady-state phenomena, i.e., with time variations, the expression of Eq.
2-12 requires integration with respect to ¢:

/Atgt(/p¢dV)dt+/At/pV¢ CdA dt = /At/rvgb dAdt+/At/s¢dth

(2-13)

The FVM applies the conservation law in integral form (i.e., the development shown in equa-
tions 2-12 and 2-13) on each of the physical cells that are developed from the discretization
of the computational domain (already briefly explained in the preprocessing item). This pro-
cedure leads to a matrix system that describes the physical phenomenon. In order to analysis
the temporal progress, the following schemes are implemented for time discretization:

- Explicit: flows and source terms are evaluated from the previous time step informa-
tion. It has the advantage that the resulting matrix system is solved in a simple way,
without the need to calculate the inverse of the matrix, reducing the computational
cost. However, this algorithm usually presents numerical stability problems.

- Implicit: flows and source terms are evaluated from the current step information. It
has the disadvantage that the resulting matrix system requires the calculation of the
inverse of the matrix, increasing the computational cost with respect to the explicit
scheme. However, the numerical stability of this scheme is unconditional.

- Crank-Nicholson: flows and source terms are evaluated from past and current in-
formation combined with a factor of 1/2. This method, like the implicit method, is
unconditionally stable.

For the application of the FVM the open source software OpenFOAM (OF) was selected.
This software offers a number of the so-called solvers, which are developed with the neces-
sary conditions to solve the different physical phenomena available. Taking into account the
behavior of the phenomenon being analyzed as well as the governing equations described in
the previous item, a solver for transient, incompressible and isothermal flow is required. The
OF library offers the following solvers for this type of flows:

= jcoFoam: it is essentially designed for laminar flows using the PISO algorithm for the
Pressure-velocity coupling

= pimpleFoam: it is a large time-step transient solver that allows the study of both lami-
nar and turbulent flows, using a coupling between the PISO and SIMPLE algorithms.
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As indicated by Behrens [10], for the calculation and solution of pressure and velocity OF
provides a number of linear solvers, such as Geometric agglomerated algebraic multigrid
solver (GAMG), Diagonal incomplete LU preconditioned BiCG solver (BICCG), and the
smoothSolver, among others, GAMG being one of the most widely used. This algorithm
starts with the computation of a fast solution using coarse meshes, and takes these results
as a starting point for the computation of finer meshes.

Preferred numerical configuration

Unless otherwise indicated, the unsteady, incompressible, laminar solver flow icoFoam was
selected. Pressure-velocity coupling was accomplished by using the PISO algorithm. Tempo-
ral integration was performed by using a backward scheme and the spatial discretization is
solved using second-order interpolation schemes for the gradient and divergence terms. The
Geometric Agglomerated Algebraic Multigrid Solver (GAMG) was used to solve the Poisson-
pressure equations, whereas the velocity field was obtained using the smoothSolver scheme
available in OF.

2.2.3. Post-processing

The post-processing of the numerical simulation consists of reporting and analysis of the
results obtained. Within airway fluid dynamics, the basic focus of study is on the behavior
of velocity, pressure, secondary flows and wall shear stresses. Throughout this document,
some particular terms were used to indicate a specific zone or points were the results were
measured. These terms are illustrated in Figure 2-2.

The anatomical planes define the body sections through the three main axes: coronal plane
(delimits the body in frontal and posterior zones), sagittal plane (delimits in right and
left zones) and transverse plane (delimits in proximal and distal zones). Branches have
a relatively cylindrical geometry (particularly in synthetic models), therefore it is possible
to establish an axial axis, which describes the trajectory of each branch, i.e. its length and
direction. Some fields such as secondary flow patterns are taken in cross sections. As indicated
in the Figure 2-2, these will be mainly measured at 20 % and 50 % of the branch length.
The red dots indicate bifurcation points, which have particular attention given their impact
on properties such as wall shear stresses.

Another review point is the inner branch walls (the yellow line in the Figure), taken on the
coronal plane, which goes from the bifurcation point to the crossing point of the axial axis
lines of the branches. The variations of the wall shear stresses are the main results analyzed
on this section.

Taking into account the zones described above, two types of results reporting are used in
this work:

1. Curve plots: these figures present the behavior of variables over some length or time.
They were made using the open access software Gnuplot.
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Figure 2-2.: Indicative scheme of the zones and points where the results are reported

2. Distribution plots: These figures present the behavior of the variables over the compu-
tational domain. They were performed using the open access software Paraview.



3. Spatial complexity reduction

As described in previous chapters, in numerical studies of the human airways, two types of
geometrical models are usually used: real specific patient models and synthetic geometries.
Patient-specific models are obtained from the segmentation of medical images from compu-
ted tomography (CT) scans. On the other hand, Synthetic models describe airways as pipes
of known cross-section and length. The most commonly used models are those developed
by Weibel et al. [117] and by Horsfield et al. [46]. Synthetic models are considered as a
geometrical simplification of the real airways, as they reduce the complexity intrinsic to the
morphology of the branches. The consideration of smooth walls, without rings or pertur-
bations, as well as branches without cross-sectional changes, facilitate both the modeling
of the geometry and the respective discretization and solutions of the equations through
the numerical model. In this chapter, a comparison study between the effects of using real
patient-specific models vs. the simplification obtained with synthetic airway models is deve-
loped. In addition, an analysis of the effects of varying some morphological parameters (such
as bifurcation angle and carina rounding radius) is performed.

3.1. Real vs Synthetic airways models

In order to compare the effect of using synthetic vs. real models on flow development, a
series of CFD numerical simulations were carried out for a synthetic geometry based on the
model described by Weibel et al. [117] and a real patient-specific geometry obtained from a
CT scan. These simulations cover two Re numbers within the laminar zone.

3.1.1. Specific-patient airways model

A real specific airways model was segmented and processed from of a computed axial tomo-
graphy scan (TC) belonging to a healthy 40-year-old male patient. The procedure is detailed
as follows:

- STEP 1. The 3D model reconstruction was developing using the open source 3D Sli-
cer. A segmentation process was carried out using an extension for airways analysis
implemented by Nardelli et al. [79]. The three morphological human planes (sagit-
tal, coronal and transversal) in DICOM images format were required to develop this
process, as shown in Figure 3-1 (a).
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- STEP 2. A cutting process was performed using the commercial software Rhinoceros
5.0, as shown in Figure 3-1 (b). Hereby, the geometry was trimmed to encompass a
total of five generations from the trachea, passing to main and secondary bronchus.
During this process a straight cut was also made in the trachea to had a flat inlet.

-
-
E
»
-
-
l

\ Perspective | Top | Front| Right | & ‘

(a) Step 1. 3d Slicer (b) Step 2. Rhinoceros 5.0

Figure 3-1.: Step 1 and 2 in the specific-patient airways model generation

- STEP 3. Using the open source Blender, we proceed to close the open surfaces, i.e.
all the cuts made in STEP 2 (as illustrated in the Figure 3-2 (c)). In addition, an
artificially length was added to the latest generation to avoid problems associated with
the development of the flow and the outlet boundary conditions.

- STEP 4. Finally, as shown in the Figure 3-2 (d), a process of smoothing and closing
of open surfaces was performed using the open source MeshLab. In this step the final
check of the geometry was performed. With the Laplacian smoothing process the sur-
face quality was improved in areas where there are many irregularities. At the same
time, a final check of open surfaces allowed us to confirm that there were no openings
and empty spaces. These procedures are fundamental to avoid future problems in the
generation of the computational domain/meshes.

3.1.2. Synthetic human airways models

The synthetic geometry cover the first five generations of the model described by Weibel
et al. [117]. As can be seen in Figure 3-3 (a), these generation represent the trachea, main
bronchus and bronchioles. TThe model was in plane, i.e., all the geometry was contained
within the coronal plane. Subcarinal angle was taken as 120°, being one of the highest values
reported in studies such as those carried out by Khade et al. [54] and Christou et al. [24]. With
this angle, we ensure the modeling of several generations before reaching the inevitable clash
between branches generated in the in plane models. The measurements of each generation
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(a) Step 3. Blender (b) Step 4. MeshLab

Figure 3-2.: Step 3 and 4 in the specific-patient airways model generation

can be seen in Table 3-1, being D, L and BA the branch diameter, length and bifurcation
angle, respectively. The length of the last generation was adjusted to 5 times the diameter.

Gen 0 Trachea

(a) Weibel’s model generations (b) 3D Synthetic model

Figure 3-3.: Models comparison
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GENERATION | D (mm) | L (mm) | BA (°)
0 18 120 0
1 12.2 476 120
2 8.3 19 70
3 5.6 7.6 50
4 45 22.5 70

Table 3-1.: 5 Generation Model parameters

3.1.3. Numerical method

For this study, the working fluid is air. The governing equations are described in Eqs. 2-6 and
2-7. For the simulation with the synthetic model, preferred numerical configuration described
in section 2.2.2 was selected. For the case of the simulation with the real patient-specific
model, the same configuration was chosen, with the only difference that the pimpleFoam
solver was applied. The average number of tetrahedral cells was 3e6 for synthetic model and
4e6 for real model. For this comparative study, for both geometries only inhalation human
process was analyzed. An uniform velocity profile at the inlet (i.e. trachea) was adopted,
covering Re 500 and Re 2000. At the outlets an uniform pressure boundary condition was
implemented. No-slip boundary condition for the wall was applied.

3.1.4. Comparative numerical results between real and synthetic
models

The comparative results between the use of synthetic and real patient-specific airway models
are shown below. The main emphasis was placed on the pressure and shear stress distribu-
tions on the wall, as well as on the velocity streamlines. It is important to highlight two
aspects of these results:

= In all graphs, to improve the visual comparison, the color scales for the real vias were
adjusted to the maximum and minimum values of the synthetic vias. Thus, when the
visual check is performed, the colors represent the same intervals.

= In Table 3-2 relative errors are presented as percentages. In all cases, such error was
calculated as

_ |V:9ynt - ‘/real|

e [%] -
syn

x 100 (3-1)

where Vg, is the value obtained from the synthetic model and V., is the value
obtained from the real specific patient model.
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Figure 3-4 illustrates the streamlines velocity for both cases at Re 500. Given the geometrical
symmetry of the synthetic model and the setting of the boundary conditions, the streamlines
are distributed in a symmetrical way. For the real case, the lines present a less uniform
behavior influenced by the disparity in the dimensions of each of the branches. The same
effect is denoted for Re 2000. It is important to note that the maximum velocity is found in the
branches of the last generations for both cases. A comparison of the maximum velocity values
for both RE numbers can be seen in Table 3-2. The relative error (calculated with respect
to the velocity of the synthetic model) shows that in spite of the geometrical differences, the
velocity values are close to each other, presenting percentages no greater than 5 for both
models of this study.

U (m/s)
9.030e-01

024825

0.000e+00

(a) Synthetic Geometry (b) Real patient-specific Geometry

Figure 3-4.: Velocity streamlines for Re=500

Comparison of wall pressure distributions for Re 2000 is shown in Figure 3-5. It is clear how
for both cases a pressure maximum is located at the carina. The value of this maximum for
both Re 500 and Re 2000 is given in the Table 3-2, with a total of 15 % and 25 % percentage
error. The differences in branch dimensions, cross-sectional changes and asymmetry between
the synthetic model and the real model have an impact on the increase in pressure drop.
However, the distribution of pressures tends to be similar in the generations for both models,
with values ranging from 4 [Pa] to 6 [Pa] for the main bronchi and oscillating values around
6 [Pa] for the trachea.

Figure 3-6 presents the WSS comparison. As discussed in the study of bifurcation angle
and carina rounding, the maximum WSS values are located near the bifurcation points. The
synthetic model considers the joints without any smoothing, i.e., as straight joints. Therefo-
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(a) Synthetic Geometry (b) Real patient-specific Geometry

Figure 3-5.: Wall pressure distribution for Re=2000

re, the synthetic geometry has larger WSS zones than the real model. It is enough to see the
real carina to notice the smoothing differences. However, by analyzing the maximum values
(see Table 3-2), it can be seen how the largest WSS is generated in the real geometry. As
illustrated in the 3-7 , this maximum is located in a surface perturbation. The investiga-
tion on airway walls mechanics performed by Kamm [52] shows how these walls are highly
rough and vary depending on properties derived from the component layers. Thus, these
perturbations may be inherent to the patient’s airways or may be residues and failures of
the segmentation process.

Re 500 Re 2000
U max. | P max. | WSS max. | U max. | P max. | WSS max.

[m/s] [Pa] [Pa] [m/s] [Pa] [Pa]

Synthetic 0.993 | 1.083 0.092 3575 | 8.645 0.554
Model

Pacient-specific

1.034 | 1.241 0.130 3.403 | 10.830 0.726

Model
o

Relative 4% 14.5% 41 % 48% 25 % 31%

error

Table 3-2.: Comparison of maximum values
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Figure 3-6.: Wall shear stresses for Re=2000
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3.2. Influence of morphological parameters on airway flow

3.2.1. Effect of branch bifurcation angle

Bifurcation Angle (BA) is a parameter closely related to the morphology of the lungs. Its
numerical value depends on a number of factors such as thorax width (Haskin and Goodman
[42]), gender and age (Alavi et al. [2]), as well as on the specific techniques and methodologies
employed to measure it (Khade et al. [54]), being the most commonly used X-Ray, Compu-
ted Tomography and In vitro measurements in human corpses. Different angle measures are
reported in literature. Haskin and Goodman [42] obtained a range of variation of the sub-
carinal angle between 55° a 65°, the work performed by Khade et al. [54] produced a range
between 50° to 130°, and Christou et al. [24] obtained 65,04° to 122,01° for men and 69,46°
to 113,94° for women. Moreover, the study carried out by Sahni et al. [96] in human fetuses
showed values for this parameter ranging between 42° a 75°. Some research has linked this
angle with some physical pathologies such as the slope or displacement of bronchus produced
by pericardial fluid accumulation (Chen et al. [20]) and left atrial enlargement, influenced
by the widening of the bifurcation angle (Lin et al. [62]; Murray et al. [76]).

Aiming to explore the effect of variations of the bifurcation angle (BA) of lower human
airways on the respiratory processes, numerical simulations of airflow during inhalation and
exhalation were performed using a synthetic bifurcation models. Geometries for the airways
models were parameterized based on a set of different BA’s. A range of Reynolds numbers
(Re) relevant to the human breathing process were selected to analyzed the airflow behaviour.

¢ Geometry

For the purposes of the this study, a computational synthetic airways model, including
the first three generations of the human morphology, was developed using the parame-
ters prescribed by Weibel et al. [117]. Those generations represent the trachea, main
bronchus and secondary bronchus. In order to simplify the reading results, the notation
for airways described by Christou et al. [24] was adopted. The geometric parameters
are illustrated in Figure 3-8, and the values specified in Table 3-3. To avoid problems
linked to the development of the flow near the outlets, the length of the last generation
branches was extended to be at least five times the related outlet diameter.

ATIRWAY D (mm) | L (mm)
TRA 18 120
LMB / RMB 12 47.6
LUB /RUB /LLB /RIB | 83 415

Table 3-3.: Weibel’s model parameters in the first three generations

For the evaluation of the effect of the bifurcation angle (BA), six values were selected
from within the range obtained experimentally by Haskin and Goodman [42] of phy-
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Trachea (TRA)

) ) Left Main Bronchus
Right Main Bronchus (LMB)

(RMB)
/\ Left Upper Lobar

Subcarinal Bronchus (LUB)
Angle (BA)

Right Upper Lobar
Bronchus (RUB)

Left Lower Lobar
Bronchus (LLB)

Right Intermediate
Bronchus (RIB)

Figure 3-8.: Aiways tree with the notation described by Christou et al. [24]

siological relevant subcarinal angle values. The set of selected angles was prescribed
for all generations in each model. In order to visualize further trends, an additional
value for the BA of 70° was also explored, according to the mean angles with minimal
resistance, as discussed by Horsfield and Cumming [45]. These values are shown in
Table 3-4.

¢ Numerical Model

For this study, the working fluid is air. The governing equations are described in Eqs. 2-
6 and 2-7. The preferred numerical configuration described in section 2.2.2 was selected.
The average number of tetrahedral cells was 1.5e6.

¢ Boundary conditions

As mentioned previously, the two main breathing processes were numerically simulated,
i.e. exhalation and inhalation. For the simulations of the inhalation process, a uniform
pressure boundary condition at the outlets was prescribed. As indicated by Bauer and
Briicker [8], this consideration enables flow to adjust to different pressure gradients
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AGE [YEARS] | MEAN ANGLE [BA °]

21 - 30 64.2

31 - 40 58.9

41 - 50 61.9

51 - 60 63.1

61 - + 55.9
All ages 60.8

Extra 70

Table 3-4.: Subcarinal angles obtained by Haskin and Goodman [42]

through the different airways generations. Yang et al. [124] shows that the inlet velocity
profile (in inhalation) considerably affects the development of flow within the airway
model, specially the mass flow distribution in the branches. In this study a symmetrical
parabolic velocity profile at the inlet (i.e. trachea) was adopted. Human breathing rates
oscillate between 0,2 L/s and 2,5 L /s (Martonen et al. [68]; Liu et al. [63]), equivalent to
a range of Re numbers between 200 and 2800. Accordingly, a set of different Reynolds
numbers between 500 and 2000 were selected for these studies.

The exhalation process simulations were setup using a uniform pressure condition at
the outlet (trachea in this case) and, in order to ensure that the flow is fully developed
before reaching the joint bifurcation, a parabolic velocity profile was prescribed at the
inlets (secondary bronchus). This profile was defined to be symmetrical respect to the
axial axis of the branches, and its maximum value is equal to the maximum velocity
obtained in the outlets in each of the inhalation cases. A Dirichlet no-slip boundary
condition was applied to the velocity field in all cases simulated.

Results

Although a number of previous numerical experiments have shown that the presence
of bifurcations in the human airways in fact alter the flow velocity profiles, the precise
effect of the angle of such bifurcations has been somehow overlooked. As it will be
shown in this work, one of the more important effects of varying the bifurcation angle
(BA) is the skewing of the flow velocity profiles towards inner walls. To this end, mean
velocity curves against branch diameter (D) were built, using a normalized length d/D.

Mean velocity profiles on the coronal plane for different angles are shown for Re = 500
and Re = 2000 in Figure 3-9. It seems that there exist a displacement trend of the
peak of velocity profiles towards the inner walls of the branches, as has been previously
reported and described in other numerical and experimental investigations (Calay et al.
[15]; Van Ertbruggen et al. [112]; Liu et al. [63]; Schroter and Sudlow [98]; Zhao and
Lieber [128]). The BA has a strong influence on the profile deformation. By examining
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the profiles measured at the middle of each ramification (LMB, LUB and LLB), a
narrowing of the velocity profile can be appreciated, as well as a shifting of the peak
from the outer to the inner walls. This relocation is in line with the peak displacement
trend, a phenomenon that seems to be more pronounced for larger angles.
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Figure 3-9.: Velocity profiles on coronal plane

On the other hand, the velocity profiles taken on the sagittal plane are symmetric
across the axial axis. This kind of behaviour has been described in various numerical
and experimental works as these carreid out by Pedley et al. [88]; Liu et al. [63]; Schroter
and Sudlow [98]. Results for different angles at Re=500 and Re=2000 are shown in
Figure 3-10. The characteristic ”M”shape is clearly visible. This phenomenon was
described by Schroter and Sudlow [98] and it illustrates how flow velocity increases
near walls and decreases across the axial axis. The larger the value of the BA, the
stronger is the effect mentioned above.

Results for the exhalation process show how the velocity profiles are symmetrical both
in coronal and sagittal planes, as (Schroter and Sudlow [98]; Corieri [27]) has already
shown in their studies. As seen in Figure 3-11, velocity profiles taken in the middle of
the trachea shown an acceleration in both sagittal and coronal plane, and a particular
peak in the centre of the branch, considerably more pronounced at Figure 3-11 (d).
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Figure 3-10.: Velocity profiles on sagittal plane

These effects are stronger for smaller BA values, for which an M-shaped behaviour is
obtained again.

The secondary flow patterns in inhalation stage for angle 55.9A° are shown in Figure 3-
12, Figure 3-13 and Figure 3-14. In the range of bifurcation angles studied, no clearly
noticeable pattern was observed. However, in many cases a particular relationship
between the vortical structures and the velocity and vorticity profiles are noticeable.

It can be seen in Figure 3-12, as the flow is transported within the LMB, two vortices
(also Known as dean vortex, Dean [30]) and two saddle points (sinks) are identifiable
through the secondary flow. These vortical structures are symmetrical respect to the
coronal plane. This distribution has been observed experimentally by Dean [30]; Schro-
ter and Sudlow [98]; Fresconi and Prasad [36], and analyzed in detail by Snyder and
Olson [106]. As the inlet velocity increases, this structures undergo a relocation moving
away towards the outer wall of the airway, as shown in Figure 3-12 (b) for Re 2000.

Interposing the velocity and vorticity profiles (hereinafter called ”V-W profile”) in a
non-dimensional axis, taken in coronal plane, it is possible to observe how the velocity
peak coincides with the point of least vorticity, therefore consistent with the location
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Figure 3-11.: Velocity profiles at exhalation stage for TRA branch

of the saddle point on the secondary flow.

Secondary flow patterns in LLB can be seen in Figure 3-13. It is possible to observed
the onset of two new vortices, inducing the saddle point to move towards to the center
of the airway. This behaviour is clearly defined for the numerical experiments with
greater Reynolds numbers (Figure 3-13 (b) for Re 2000, for instance). In this case, the
relationship between V-W profile previously identified continues to be fulfilled, even

with the presence of these new structures.

Figure 3-14 shown the patterns for LUB. Two vortices appear for low velocities, and,
as Re increase, new vortical structures appear towards the outer wall of the airway.
Newly, V-W profile and vortical structures are related, although for greater Re a peak
velocity and a minimun vorticity point are more difficult to determine, as can be seen
Figure 3-14 (b).

By analysing the secondary flow patters at exhalation stage for the TRA airway, as
shown in Figure 3-15 and Figure 3-16, it can be seen how the vortical structures
have a symmetrical shape in both sagittal and coronal plane (as well as the velocity
profiles). For low Reynolds numbers is evidenced the presence of four vortices, which
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Figure 3-12.: V-W profile (taken at coronal plane) and secondary flow patterns in LMB
airway. Inhalation stage.

rotate towards the centre of the branch (reported in others investigation works as those
developed by Schroter and Sudlow [98]; Fresconi and Prasad [36]). For larger Reynolds
numbers the appearance of up to eight vortices is observed. As in inhalation stage, by
reviewing the V-W profiles, it is possible to verify how the peaks velocity and the low
vorticity points are align with the saddle points, condition valid for both the coronal
plane and the sagittal plane. In fact, in the sagittal plane, Figure 3-16, it is seen how
this phenomenon occurs not only in one point, but in three coincident points.

Exploring flow patterns in the LMB airway at coronal plane, we can noticed the ap-
pearance of four totally developed vortex. The saddle point tends to the center of the
airways, and it is in line with the V-W profile as Figure 3-17 shows.

Pressure drop behaviour, as explained by Pedley et al. [86], is directly influenced by
changes in kinetic energy and by the dissipation of viscous energy. These phenomena
are associated with the airway morphology, being affected by the geometric parameters
as the flow is transported from the trachea to the alveoli. Plots of AP versus x/L (a
normalizad length along the axial axis of the branches) are presented in Figure 3-18, for
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Figure 3-13.: V-W profile (taken at coronal plane) and secondary flow patterns in LLB
airway. Inhalation stage.

different Re. In all cases a local growth at the beginning of the axial line is evidenced,
which is due to local increase of pressure gradients at the bifurcation. This increase
is greater as the angle increases, a phenomenon observed in all generations for all the
cases explored. These results are in line with the numerical study in micro-channel
networks developed by Wang et al. [114], where an increase of the angle generates an
increase in the pressure drop.

It is also observed that such local growth is greater for LLB path, as compared to LUB
(both belonging to the second generation). This effect is thus related with the velocity
profiles previously shown in Figure 3-9 (c), where it was observed that for LLB a
greater acceleration of the flow is attained. In this case, decreasing the dimensionless
pressure drop seems to be strongly associated with the rise of the peak of the velocity
profile presented in Figure 3-9 (c). The behaviour of the pressure drop hereby described
is kept as the Reynolds number increases. For instance, as shown in Figure 3-18 (d)-
(e)-(f), the same trends were obtained for Re=2000, both in terms of angle and local
growth.



44 3 Spatial complexity reduction

[y
[

o
©

0.8 | . T W/Wmax T :

o
o

06 &

o
>

O

o
N

Non-dimensional axis
Non-dimensional axis

' s
R
0.2 |/ v o
l’ . N

o

0 0.5 1 0 0.5 1
x/L x/L
(a) Re 500 (b) Re 2000

Figure 3-14.: V-W profile (taken at coronal plane) and secondary flow patterns in LLU
airway. Inhalation stage.

To analyze the pressure drop behaviour versus Reynolds number, a normalized pressure
drop coefficient was computed as the ratio between the weighted mass integrals of the
pressure at the inlet and the outlets for the different numerical experiments. This
coefficient was computed using the following function(Liu et al. [63]):

P oa_P ota
C - 1,Total 3,Total (3_2>

Pl,Dynamic

Where P 7oa is the mass-weighed integral of the total pressure over the inlet sec-
tion, P37t 1s the mass-weighted integral of the total pressure over the four outlet
sections (i.e., performing an integral over each outlet and summing over each outlet)
and P gynamic is the mass-weighed integral of the total pressure over the inlet section,
defined as:

Ja,(p+0.5p(u? + 0 + w?)pVdA,
fAl p‘?dgl

Pl,Total = (3_3>
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Figure 3-15.: V-W profile (taken at coronal plane) and secondary flow patterns in TRA
airway. Exhalation stage.
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P, 1,Dynamic —

Here, A; and Aj denotes the inlet and total outlet area, respectively, and u, v and w
are the velocity components. The behaviour of this coefficient relative to the Reynolds
number is shown in Figure 3-19. Trends for only a reduced number of the angles are
shown, since they capture the observed general tendency.

As expected, the pressure coefficient is higher for the greater BA, being consistent
with the pressure drops across the axial lines. Moreover, this coefficient decreases as
the Reynolds number increases, result in line with the formulation and curves presented
by Liu et al. [63].

The pressure drop profiles in the exhalation state for Re=500 are shown in Figure 3-20.
These curves are taken in the upstream direction, i.e., from the last generation towards
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Figure 3-16.: V-W profile (taken at saggital plane) and secondary flow patterns in TRA
airway. Exhalation stage.

the trachea (where a value of 0 Pa was prescribed at the inlet). Contrary to the results
obtained during inhalation, for this case no behavior defined by the bifurcation angle
is observed, since the curves for the different BA cross each other with no apparent
order.

Different numerical studies have shown that the maximum shear stresses, developed
during inhalation and exhalation process, are located on the inner and externals wall,
respectively.

In a similar manner as discussed with the pressure drop, and as it might be expected,
this behaviour of the WSS is also strongly related to the specific changes of the ve-
locity profiles reported in this paper. Particularly, the previously discussed tendency
of displacement of the peak of the profiles (shown earlier in the Figure 3-9) is always
associated to the appearance of regions of maximum wall shear stress.

Wall shear stress was measured along to the inner wall (for inhalation) and in a per-
pendicular direction of the inner wall (for exhalation) on each of the branches. In the
different plots (Figure 3-21 and Figure 3-22), the length is presented in normalized
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Figure 3-17.: V-W profile (taken at coronal plane) and secondary flow patterns in LMB
airway. Exhalation stage.

form (z/L, where L is the total length of the branch). In all cases, for the x-label, the

value of 0 and 1 refers to the upstream and downstream, respectively. The unit of the
magnitude of the WSS is [Pa].

By analysing the effect of the bifurcation angle (BA) on the wall shear stress distribu-
tion for the inhalation process, it is possible to determine that, as observed in different
studies, the maximum shear stress is located towards the intersection of the bifurca-
tion, that is in the region nearby the joints. It is further observed that for the different
branches, as the BA considered is augmented, the magnitude of the maximum WSS
decreases, giving as a result that, for instance, the highest figures for WSS are observed
for the smallest angle, which in the present study is BA=55,9°. Examining the WSS in
each of the branches, along the local axial direction and therefore progressing through
the branching line, the WSS seem to collapse reaching an average common value re-
gardless of the BA explored. This trend, however, is sightly disrupted in LLB (Figure
3-21 (c)-(f)), where it is possible to appreciate a very subtle difference between the
Mean values of wall shear stress attained for BA=63,1° in comparison to the other BA
explored. Thus, it can be established that the shear forces vary with respect to the bi-
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Figure 3-19.: Pressure drop coefficient (Cp) vs Reynolds number

furcation angle only in the zones or regions near the bifurcation point, but converging

to an average value downstream of such a point when considering inhalation.

The results obtained for the exhalation process, and presented in Figure 3-22, show
a complete different picture for the distribution of the wall shear stresses, at least in
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Figure 3-21.: Wall Shear Stress on inner wall for inhalation

(f) LLB at Re=2000

comparison with the inhalation process described just above. For instance, it is possible
to observe that exhalation brings about an increase of the WSS in the first half of each
branch, so the maximum values of WSS are present between 0,2 < xz/L < 0,5. In
this case x/L is measured from the upstream bifurcation following the downstream

direction and, as mentioned previously, using as normalising factor the length of the
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respective branch L. In any case, for all the branches, there is a reduction of the WSS
that seems to have a similar behaviour for the different angles considered in this work.
In this exhalation process, however, a converging or collapsing trend to an average value
is not clear. Noteworthy, the maximum WSS in each branch is accompanied by strong
oscillations, albeit this oscillatory tendency is stronger for LMB than for the TRA.
This particular effect may be related to the onset of flow instabilities and eventually
some perturbations which grow in the flow direction as a result of the increment of the
local flow rate and cross section area. A clear indication of this phenomena is increase
of the local Reynolds number as the fluid flows downstream towards the TRA.
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Figure 3-22.: Wall Shear Stress on outer wall for exhalation

3.2.2. Effect of carina rounding radius

Another relevant morphological parameter is the Carina Rounding Radius (CRR). The bi-
furcation point between the trachea and main bronchus are known as carina. Martonen et al.
[68] specifies four geometrical configurations for this parameter: blunt, parabolic, saddle, and
asymmetric. These shapes have an effects on flow acceleration, being the saddle the configu-
ration that presents regions with the highest flow intensities and particle propagation. Some
synthetic airway models do not directly consider the shape of the carina. Some research
as theses carried out by Horsfield et al. [46] and Kang et al. [53] introduce a relationship
between the rounding radius of the carina and the diameter of the main branch. Models as
the one developed by Lee et al. [59] are based on such considerations.

In order to analyze the influence of carina rounding radius (CRR) of lower human airways on
the respiratory processes, numerical simulations of airflow during inhalation were performed
using a synthetic bifurcation model. Geometries for the airways models were parameterized
based on a set of several CRR’s. A range of two Reynolds numbers (Re) relevant to the
human breathing process were selected to analyzed the airflow behaviour.

o Geometry
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For the study of the carina rounding radius (CRR), a synthetic airways model based
on the bifurcation geometry proposed by Lee et al. [59] was selected. Parameters and
values for the implementation of this model can be observed in Figure 3-23 and Table
3-5. Those generations represent the trachea and the main bronchus. As in the BA
study, for this geometry the length of the last generation branches was extended to be
at least five times the related outlet diameter. The parameters R; and a describe the
curvature of the bifurcation. A dimensionless version of CRR is define as

CRR
e = "oy
2

(3-6)

where 7, is the dimensionless rounding radius and D; the trachea diameter. Generally
the value of r. does not exceed 0.2 (Horsfield et al. [46], Kang et al. [53]). For this
research, the values of r. = 0, r. = 0,07 and r. = 0,14 were selected.

Branch D (mm) | Len. (mm) | o (°) | Rd (mm)
TRA 16 80
LMB / RMB 14 70

35 81.5

Table 3-5.: Model Parameters values

¢ Numerical Model

For this study, the working fluid is air. The governing equations are described in Eqs. 2-
6 and 2-7. The preferred numerical configuration described in section 2.2.2 was selected.
The average number of tetrahedral cells was 1.5e6. In order to most reliably capture
the phenomena near the bifurcation point, a finer refinement zone around the junction,
as shown in the Figure 3-24, was performed.

¢ Boundary conditions

For the evaluation of the effect of the CRR only inhalation breathing process was
numerically simulated. An uniform pressure boundary condition at the outlets was
prescribed . A parabolic velocity profile at the trachea inlet was adopted, covering a
set of two Reynolds numbers of 500 and 2000. A Dirichlet no-slip boundary condition
was applied.

¢ Results

As well as the bifurcation angle, the effect of the CRR on velocity profiles has not been
extensively studied. In the investigation of Martonen et al. [68] on carina shapes is
possible to observed how a skewed profile influence the flow intensities, as the particle
propagation across the branch. Figure 3-25 and 3-26 shows the velocity profiles taken
on coronal plane taken at different branch lengths.
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Figure 3-23.: Bifurcation model geometry

It can be seen how the smoothing of the bifurcation joint have a slight effect on the
peak velocity profile, influence the narrowing of the shape toward to the inner wall,
being more noticeable as the CRR grows. It should be noted that these effects are
more visible near the carina (Figure 3-25), and they fade as one advances through the
branch (Figure 3-26).

For velocity profiles on sagittal plane a particular behaviour is more noticeable. An
increment in the CRR result in a greater accelerating of the fluid, as is shown in
Figure 3-27 and 3-28, getting a greater peak profile for r. = 0,14. As the fluid moves
through the airway, the characteristic M shape is again evidenced, and it can be seen
how the particular decelerating in the center of the axis keep the tendency, being more
pronounced for larger CRR’s.

Vorticity profiles (nondimensional w/w,,..) are taken across a line on coronal plane,
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Figure 3-25.: Velocity profiles on coronal plane. Taken at 20 % of the LMB length

as shown in Figure 3-29. To appreciate the effect of the CRR, these measure are
taken near to the carina. It can be seen how the maximum intensity is developed in
the inner wall, and also the existence of a peak near to the center axis, peak that is
more pronounced for greater rounding radius. This trend continues for Re 2000. This

behavior disappears as you move along the branch, so that the curves at 50 % branch
length are not displayed.

As with the vortical structures seen through the secondary flow patterns, no effects
derived from the CRR variation were observed. However, as can be seen in Figure 3-30,
it is possible to corroborate that, as in the BA studies, dean vortices (Dean [30]) and
two saddle points are identifiable, preserving the relationship between the location of
these vortical structures with the velocity and vorticity profiles. These sections were
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Figure 3-26.: Velocity profiles on coronal plane. Taken at 50 % of the LMB length
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Figure 3-27.: Velocity profiles on sagittal plane. Taken at 20 % of the LMB length

0.5
I/Er";‘f \ "/ B:‘i{
0.4+ / R\Q\ ’/,IV" \ B
0 RAN [
£0.3 RN " 1
p N
0.2 ]
20.
-]
0.1 =0 —=- y
=0.07 --
o =0.14 —
0 0.5 1
d/D
(a) Re=500

2.5 |
=0 —o-
_ r=0.07 -
2F AN =014 — A\
E15¢ N % 8
c
o 1t W, P i
E \\\\ i
o] SN g
0.5 Bs ae P
0 0 0.5 1
d/D
(b) Re=2000

Figure 3-28.: Velocity profiles on sagittal plane. Taken at 50 % of the LMB length

taken at 20 % of the branch length (Figure 3-30 (a)) and 50 % of the branch length
(Figure 3-30 (b)), in the geometry corresponding to r. = 0 at Re=2000.
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Figure 3-29.: Vorticity profile on coronal plane. Taken at 20 % of the LMB length
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Figure 3-30.: V-W profile (taken at coronal plane) and secondary flow patterns in LMB
airway.

The pressure drops AP, measured on the internal wall line, are shown in Figure 3-31.
These show only 20 % of the length (normalized with respect to the total length of
the branch, x/L), since no particular effect is identified beyond this point. For both
Re 500 (Figure 3-31 (a)) and Re 2000 (Figure 3-31 (b)) it can be seen that both the
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maximum pressure value and the drop AP are higher for the larger CRRs.
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Figure 3-31.: Pressure drop through the branch inner wall

The Wall shear stresses, measured in the inner wall, has also a strong effect related
to the branch joint smoothing. As shown in Figure 3-32, for a straight joint, i.e.
r. = 0, the maximum WSS will be located exactly in the intersection point, acting as
a stress concentrator. As the joint is softened by increasing the CRR, this location of
the maximum value is moving away downstream the airway wall and, as well as the
pressure behavior, curves converge to the same value to each other. In this case, this
convergence trend occurs at approximately 50 % of the branch length.
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Figure 3-32.: Wall Shear Stress on inner wall for inhalation



4. Reduced dimensional methodology
based on homothety airway ratios

A fractal is an entity with a structure that repeats itself at various scales. Mandelbrot
[66] was the one who introduced this concept, showing how these structures are found in
nature itself. In the research on scaling laws in biology, West et al. [118] shows how different
biological systems, including the circulatory system and the airways, can be described as
fractal networks of branching tubes. For the characterization as fractals, West et al. [118§]
states that the radius and length dimensions of a generation k£ must correspond to a fraction
of the exactly previous generation k — 1. Thus, the length [, of a branch is defined as
I, = a l_1, where « is the length scaling factor. In the same way, the radius 7y is determined
from r, = B rp_1, with § being the radius scaling factor. Prior to fractal development, a ratio
of radii in ideal branched vessels was first developed by Rudolf Hess and later supplemented
by Cecil Murray. This is known as the Hess-Murray’s law. As detailed by Sciubba [99], this
law dictates that for the minimization of the work of the biological system, the optimal
value 7 /ri—1 is 0.7937. As indicated by West et al. [118], this 'work minimization’ refers to
decreasing viscous dissipation, thus finding the optimal structure (in terms of volume and
resistance). Mauroy et al. [70] expands this idea of the optimal tree by including homothety
ratios, under the consideration that the ideal bronchial tree is a homothetic geometry, i.e.,
a succession of similar structures scaled by a homothety ratio h. Under this concept, it
is possible to define the resistance and volume (and therefore the pressure drop) of all the
generations of a homothetic bronchial tree, as the sum of the resistances and volumes of each
generation multiplied by its respective homothety ratio. As demonstrated by Mauroy et al.
[70], if the homothety ratio is considered to be constant for all generations, the minimization
of the dissipated energy leads to an optimal value of h = (1/2)'/? = 0,7937, i.e., the same
value as determined by Hess-Murray’s law.

In this chapter, a dimensional reduction methodology is described, implemented and vali-
dated, based on the fractal consideration of the airways tree and on the homothety ratios
described by Mauroy et al. [70].
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4.1. Algorithm development and validation

4.1.1. Mathematical development and Sensitivity analysis

The pressure drop in a pipe can be described by the Hagen-Poiseuille equation. Consider
the first generation in a airways tree, composed only of a single parent branch. Applying a
branch analogy to a circular cross-section pipe, the pressure drop can be calculated as:

SMLO
Ty

APy, = Qo (4-1)
Where AF, is the pressure drop, p the kinematic viscosity, Ly the parent branch length, rg
the parent branch radius and () the inlet volumetric flow. Let us now consider a symmetric
tree with two generations, with daughter branch length L; and radius r;. A homothety
factor for the length, ay, is defined as L;/Lg. Similarly, we obtain a homothety ratio for
the radius, ae, given by ri/rg. For a symmetrical bifurcation, the initial volumetric flow is
equally distributed through the branches. However, to give a generalized form of the flow
distribution, we also define a homothety ratio for volumetric flow, as, defined by Q;/Qo.
From the definitions described above, we can express the pressure drop for a branch of the
second generation as

8,&[/1
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Assuming the homothety ratios are constant for all generations, the pressure drop for a
branch belonging to the third generation will be given by

8 pu Loy 8 p(ef Lo) ,
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400

Thus, it is possible to generalize the pressure drop for a generation "n” as

Q. = 21t Lo) (m g (4-4)

T ay" T

Therefore, to calculate the total pressure drop of a finite number of generations, we proceed
to add the respective drops of each generation

8 1 Lo 8 u (a1 Lyo) 8 u (af Lo)

APr = _ ——(ak 4-5
T Ty Qo+ 7 (g 19)% (@3 Qo) + * Tty (a5 Co) (4-5)
N
8 i Ly ol off
APr = 1 + —_— 4-6
T T Té QO ( ; agp ( )

Solving the convergent series, for a number N of finite generations, we obtain the mathema-
tical expression for the total pressure drop
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APy — 8 u Ly Qo (1 B a1oz3a2—4N(a§N_a{Va§V)> (4-7)

™ Té 103 — 0/21

The expression in Eq. 4-7 will be referred to hereafter as the Homothety model. In the
analysis of lung morphology, Weibel et al. [117] described a length-diameter relationship
(L/D), which after generation 3 tends to a value of 3.26. Moreover, the investigation carried
out by Mauroy et al. [70] in healthy and stenotic human trachea apply this ratio with a value
of 3. Let us defined a factor beta as = L/D. Applying this definition to 4-1 we will have

8w Lo/D 16
AP, = “—01{0 Qo = “3/6 Qo (4-8)
Trg T

Taking the assumption that £ is constant, it is possible to defined the total pressure drop as
N
16 p B o
APr = Try @o <1 + Z 3p (4-9)

Solving the convergent series, for a number N of finite generations, we obtain the mathema-

tical expression for a second model as

—3N 3N

AP = 176T“5 Qo (1 G _O‘év)) (4-10)

3 3

The expression in Eq. 4-10 will be referred to hereafter as the Beta model. It is worth
noting that Eq. 4-10 can also be obtained directly from the homothety model by forcing oy
to be exactly equal to as. In fact, it is possible to define a conversion factor * between the
two models simply as * = (a1 /ag) * S.

It should be noted that these proposed models were developed only for the conduction zone in
human airways, i.e. from generation 0 to generation 16 in Weibel’s terminology. As explained
by West [120], diffusion and gas exchange phenomena occur within the transition zone and
the respiration zone (generation 17 and up), phenomena that are not considered on these
models. In addition, the fractal consideration for the homothety factors definition is relevant
only up to generation 16 (Mauroy et al. [70]).

Sensitivity analysis of homothety ratios

One of the main considerations in these mathematical models described previously is that the
homothety and beta ratios are constant, i.e. they do not vary with the change of generation.
In fact, it is this consideration that makes it possible to arrive at the final expressions
of equations 4-7 and 4-10. However, a sensitivity study was developed with the intention to
analyze the effect of variability of these ratios on the final pressure drop calculation. As stated
above, a value of h = 0,7937 for the homothety ratios (both radius and length) represents
the optimum value in terms of volume and pressure drop for a symmetrical structure. As
Mauroy et al. [70] indicates, lower values of h imply high pressure drops that can cause
overstress, and higher values of h lead to unnecessarily high volumes.
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For the sensitivity study, the homothety model and the Beta model were evaluated with the
values shown in Table 4-1. The variation interval established for the aq and s was F0,1.
As specified by Mauroy et al. [70], real lungs tend to a homothety ratio of 0.85. Therefore,
this interval effectively covers these values. For (3, the mean value is the 3.25 (Weibel et al.
[117]) and the respective interval was defined as F1.

) Homothety Beta Variation

Data | Units Model Model intervals
Ly [m] 5.85e-2 5.85e-2 -
o [m] 9e-3 9e-3 -
Qo | [m3/s] le-3 le-3 -

(o%1 [—] 0.79 0.79 [0.69 - 0.89]

Qo [—] 0.79 0.79 [0.69 - 0.89]
a [—] 0.5 0.5 -

Ié] -] 3.25 3.25 [2.25 - 4.25]
] [m?/s] 1.8204e-5 1.8204e-5 -

Table 4-1.: Model parameters for sensitivity analysis

The total pressure drop was calculated with each model a total of 10000 times, using a
function to obtain random numbers within the respective intervals, to subsequently obtain
the standard deviation. In Figure 4-1, the solid line shows the pressure drop obtained with
constant reference values, both for the homothety model (a) and for the beta model (b), and
the error bars represent the standard deviation values for each generation. These results show
that the randomness of the homothety and beta ratios do not have a considerable impact
on the calculation of the final pressure. With the beta model, slightly higher deviations are
obtained, but in none of the cases the deviation in the calculations exceeds 12 %. Therefore,
the consideration of non-variant coefficients is founded and functional.

4.1.2. CFD Numerical Validation

In order to validate the mathematical models described above, a set of different CFD simu-
lations were carried out. The objective was to compare the pressure drop calculated by CFD
simulations against that predicted by Homothety model and Beta model.

¢ Geometries

Three symmetrical airway geometries were developed, each covering from generation
0 (trachea) to generation 4 (bronchioles), similar to the synthetic model used in the
comparison study between airways models (see Figure 3-3 (a)). The first geometry
was designed to validate the homothety model. The diameter and length dimensions of
generation 0 come from Weibel et al. [117]. The ratios a; = ay = 0,8 and a3 = 0,5 were
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Figure 4-1.: Standard deviation for 0 to 16 generation tree using aleatory homothety and

beta factors

chosen. The other two geometries were for analyzing the beta model. These geometries
have the same diameter as the first model, and ratios values of ay = 0,8 and a3 = 0,5.
The difference lies in the beta factor, with 5 = 6 for one and g = 3,25 for the other.
These values allow us to analyze the effect of the slenderness of the branches. All
geometries are in plane, and the subcarinal angle was taken as 120°, being one of the
highest values reported in studies such as those carried out by Khade et al. [54] and
Christou et al. [24].

A summary of the dimensions for all models can be found in Table 4-2.

Homothety Beta

Model Model
Geometry 1 Geometry 2 Geometry 3

GEN | D mm] | L [mm] | D [mm] | L [mm] | D [mm] | L [mm]

0 18 120 18 108 18 58.5
1 14.4 96 14.4 86.4 14.4 46.8
2 11.5 76.8 11.5 69 11.5 374
3 9.2 61.4 9.2 55.2 9.2 29.9
4 7.4 49.2 7.4 44.4 7.4 23.9

Table 4-2.: Model parameters for CFD validation

Numerical Model

For this study, the working fluid is air. The governing equations are described in Eqgs. 2-
6 and 2-7. The preferred numerical configuration described in section 2.2.2 was selected.
The average number of tetrahedral cells was 5e6.
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¢ Boundary condition

For this validation study, only inhalation human process was analyzed. A symmetrical
parabolic velocity profile at the inlet (i.e. trachea) was adopted. Two Re numbers were
selected: 500 and 2000. At the outlets an uniform pressure boundary condition was
implemented. No-slip boundary condition for the wall was applied.

¢ Homothety and Beta models setup

To carry out the comparative study, the homothety model and beta model were con-
figured with the parameters observed in Table 4-3. These values coincide with those
used to develop the CFD geometries. In the Flow rate row there are two values, one
for each Re number.

Homothety Beta
Model Model
Units | Geometry 1 Geometry 2 Geometry 3
Lo [m] 120e-3 - -
o [m)] 9e-3 9e-3 9e-3
Qo | [m3/s] | 9.57e-5 | 4.18e-4 | 9.57e-5 | 4.18e-4 | 9.57e-5 | 4.18e-4
ay -] 0.8 - -
Qg -] 0.8 0.8 0.8
a3 ] 0.5 0.5 0.5
o] ] - 6 3.25
po | [m?/s] 1.8204e-5 1.8204e-5 1.8204e-5
N ] 5 5 5
Table 4-3.: Parameters for Homothety and Beta models
o Results

Results comparison for the pressure drops obtained by the CFD model vs the calculated
are shown in Figure 4-2 for homothety model, Figure 4-3 for beta model with g = 6
and Figure 4-4 for beta model with g = 3,25. The curves were taken across the axial
axis of each branch.

As can be seen in all comparisons, each bifurcation point generates a pressure peak.
As expected, these peaks decrease as one progresses through the airway generations.
It is precisely these zones of high pressure gradients that affect the prediction made
from the models proposed in this research, i.e., models based on the Hagen-Poiseuille
equation.

The pressure drop curves calculated with our homothety model and beta model, i.e. the
dashed lines in Figures 4-2, 4-3, and 4-4, correctly match the curves obtained from the
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Figure 4-3.: Pressure drop comparison for Beta model with 8 = 6

CFD simulation. Although the pressure peaks are not predicted, the stabilization of the
pressure towards a linear drop, evidenced after each peak, is very well approximated by
the models. As is well known, the Hagen-Poiseuille equations are applicable for flows
in pipes of constant cross section, with a length that allows the flow to develop, and
for regimes within the laminar zone. Indeed, for the cases with Re 500, the results
of the pressure calculated against those obtained by CFD were more accurate than
those obtained for Re 2000, since at this Reynolds number there are pressure peaks
of greater magnitude at each bifurcation. Also, as the branches are less slender, the
pressure calculation is less accurate. For § = 6 good approximations with both Re were
obtained. For g = 3,25 there is a good fit with Re 500, but for the case of Re 2000 the
calculated drops were not accurate in the first generations, as illustrated in Figure 4-4
(b). However, after a few generations, the calculated value tends to the values obtained
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Figure 4-4.: Pressure drop comparison for Beta model with § = 3,25

from CFD.

4.1.3. Algorithm implementation as a OpenFOAM boundary condition

Some investigations such as those developed by Olufsen [82], Ismail et al. [48], De Backer
et al. [29] and Yoshihara et al. [125] show how from mathematical models, equations of state
and analogies to other systems (electrical, pneumatic, etc.) some boundary conditions can be
developed. Considering that the models proposed in this research can calculate the pressure
of a tree of N generations, it is possible to develop a pressure boundary condition. A hybrid
simulation methodology were explored based on a dimensional reduction (3D to 0d). For
this methodology, two pressure boundary conditions, pressureHomothetyAirwaysModel and
pressure BetaAirwaysModel, were implemented and validated using the open source Open-
FOAM. The respective class definition .C and Header .H (the required files for compilation
in this open source) are attached in A.1 (homothety model) and A.2 (Beta model). With the
aim of simplify the writing, the contraction OF-BC to refer to the programmed boundary
is applied hereafter.

1 OF-BC workflow

Figure 4-5 shows the workflow of the boundary condition. This diagram applies to
both models, since the difference between them lies only in the input data and in the
math to calculate the P factor, which simply refers to Equations 4-7 and 4-10 without
the viscosity and flow rate terms, since these are set in subsequent steps.

The described algorithm has a routine to calculate the patch area (Patch Area calcula-
tion), and from this result, calculate the radius. The advantage of this step within the
algorithm is that regardless of the geometry of the patch, it calculates a characteristic
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Figure 4-5.: OF-BC workflow

radius, ideal for real patient-specific airways, where the geometry of the outlets is not
a perfect circumference.

ii OF-BC Dictionary

The OF-BC specification must be developed within the P dictionary in the initial
conditions folder. The definition of the parameters for each model is as follows:

e Homothety model input variables:

Patch Name

{

type pressureHomothetyAirwaysModel ;
U U,
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phi phi;

rho none;

LO 0.1;
alphal 0.8;
alpha?2 0.8;
alpha3 0.5;

N 15;

pRef uniform 0;

}

e Beta model input variables:

Patch Name
{
type pressureBetaAirwaysModel;
U U;
phi phi;
rho none;
beta 6;
alpha?2 0.8;
alpha3 0.5;
N 15;
pRef uniform 0;

iii OF-BC numerical validation

Geometries 1 and 2 (see Table 4-2) were selected for the CFD validation, with the dif-
ference that for this case only the first two generations were modeled (trachea and main

bronchi), as shown in Figure 4-6. The three missing generations were approximated
by the OF-BC.

The simulation setup was basically the same as the CFD Numerical validation section,
with the only two differences:

e Geometries were reduced from 5 to 2 generations involving a change in the cells
number from 5e6 to 1.5e6.

e Pressure condition at outlets were changed from fixedValue to the respective OF-

BC.

Both pressureHomothetyAirwaysModel and pressureBetaAirwaysModel were set up
with the values given in Table 4-3, except for the number of generations N, which
for this case is 3.
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Figure 4-6.: Models used in CFD validation

The results for the pressure drops AP versus generation number can be seen in Figure
4-7 and Figure 4-8. Again these curves were taken along the axial axis from the start
of the geometry to the end of generation 1. These graphics show the numerical results
for the complete CFD model (continuous line), the pressure calculation obtained from
Equations 4-7 and 4-10 (dashed line), and finally, the curve obtained with the hybrid
simulation combining CFD plus the OF-BC (faded line).

As expected, the dashed and faded lines almost intersect at the end of generation 1
(right border in the 6 graphs), indicating that the OF-BC is correctly calculating the
pressure values that Equations 4-7 and 4-10 predicted. The values are not exactly the
same due to the mathematical model is evaluating an exact value of radius, meanwhile
the OF-BC is using an approximate calculated value, as explained above. To evaluate
the accuracy of the results, a relative error was calculated as

e [%] = Vorp = Vivel 4y (4-11)

Verp

where Vopp is the value obtained from the complete CFD simulation and Vyyp is
the result obtained from the hybrid simulation (CFD 4+ OF—-BC). From the OF-
BC application, higher pressure values were obtained compared to the results of the
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complete CFD simulation. While in the complete CFD simulation the pressure in
generation 1 ends up influenced by the pressure gradients, in the hybrid simulation
this value is precisely the one calculated with the homotetic or beta model. However,
these differences are not excessive. For the homothety model (Figure 4-7) and the beta
model with = 6 (Figure 4-8), the errors do not exceed 11 % for Re 500 and 19 % for
Re 2000.

Velocity profiles are shown in Figure 4-9 and Figure 4-10, these were taken in the
middle of the branch belong to a generation 1, on the coronal plane.

As has already been analyzed in other studies ( Liu et al. [63], Martonen et al. [69],
Zhao and Lieber [128]), when the flow passes through the bifurcation, a deformation
tendency of the velocity profiles is generated towards the internal face, an effect that,
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Figure 4-10.: Velocity profile comparison for Beta model

as can be seen in Figure 4-9 (b) and Figure 4-10 (b), is stronger for larger Reynolds
numbers.

Both the full CFD simulation and OF-BC capture this phenomenon, with the difference
that the OF-BC calculates a lower velocity value. However, as with the pressure curves,
there is not a remarkable difference between the peak values. In this case, there is an
underestimation of the velocity, with relative errors around 11% for the larger Re
numbers (Figure 4-9 (b) and Figure 4-10 (b)), and 4 % for the smaller ones (Figure
4-9 (a) and Figure 4-10 (a)).

Studies such as those carried out by Xia et al. [123] show how the maximum shear
stresses (WSS) are located near to the bifurcation points. To analyze this point, WSS
was measured along the inner wall of one branch belong to generation 1, taken from
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the bifurcation point of the first generation (i.e., the carina) to the bifurcation point
of the second generation.

Figure 4-11 and Figure 4-12 shown the measured WSS vs x/L normalized distance.
In line with the analysis of the velocity profiles, the WSS also have an underestimate
calculated by the OF-BC. It is evident how the continuous line and the dashed lines
overlap along the trajectory and move away from each other near the bifurcation points,
i.e. at the beginning and end of the plotted curves. These differences between the WSS
values are more noticeable for the low Re numbers, where we have errors of up to 15 %
between the peak values.
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0 ‘ 0 '
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Figure 4-11.: Wall shear stress comparison for Homothety model
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Figure 4-12.: Wall shear stress comparison for Beta model
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4.1.4. Computational cost analysis

An important feature to analyze is the computational cost simulation in both complete
CFD simulation and OF-BC application. All simulations ran for a total of 0.5 seconds.
This time ensure the full fluid development (for both Re 500 and Re 2000). A summary
of the simulation times spent in each case is shown in the Table 4-4. The percentage of
improvement was calculated using the same formula as in Eq. 4-11, where Vopp is the time
spent in the complete CFD simulation and Vgy g is the time spent in the hybrid simulation
(CFD + OF—BC). As can be seen, the savings in simulation time derived from the use of
OF-BC is remarkable. Clearly the improvement in computational cost starts with having a
shorter 3D model. This achievement allows a considerable reduction in the number of cells
in the computational domains. While models with 5 million cells were used for the complete
CFD simulations, this was reduced to 1.5 cells with the OF-BC by eliminating the three
corresponding generations. Another important aspect is the simplicity of the programmed
boundary conditions. As they are simple mathematical models, they do not require high
computational resources to be calculated at each time step.

Homothety model Beta model
Meshing | Re 500 | Re 2000 | Meshing | Re 500 | Re 2000
Full CFD simulation 0.34 h 2.6 h 19.8 h 0.3 h 22 h 19 h
CFD + OF-BC 0.13 h 0.8 h 7h 0.12 h 0.7 h 6.7 h
Improvement 61.7% 69.2 % 64.6 % 60 % 68.2 % 64.7%

Table 4-4.: Computational cost analysis

4.2. Application cases

In order to test the capability of the developed boundary conditions, two application cases
were developed: an analysis of airways in asthma condition using a synthetic model, and a
study on airway collapse using a real patient-specific model.

4.2.1.

As described in the background, the condition of asthma is reflected in a contraction of

CASE I: Asthmatic human airways

the airways, reducing the cross section of the branches. In the study realized by Tsega
and Katiyar [111], a comparative analysis of airflow behavior across airways in healthy and
asthmatic condition is performed using separate geometries covering two different zones: from
generation 3 to 7 (first zone) and from generation 10 to 14 (second zone). Off-plane models
were implemented in Tsega and Katiyar [111] study. The particularity of these models is
that they present angles between the branches in both coronal and sagittal planes.
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The mean objective of this first application case was to compare the behavior of the pressure
drop calculated with the application of the OF-BC against the results obtained by Tsega and
Katiyar [111], and to expand the results to more generations than those already simulated.

o Geometry

Two geometries were modeled: a healthy and an asthmatic models covering the third
and four generation. Mean dimensions can be seen in Table 1-2. The subcarinal angle
is 70°. These dimensions are exactly the same as those implemented in the Tsega and
Katiyar [111] study.

¢ Numerical Model

For this study, the working fluid is air. The governing equations are described in Eqs. 2-
6 and 2-7. The preferred numerical configuration described in section 2.2.2 was selected.
The average number of tetrahedral cells was 1e6.

¢ Boundary conditions

An uniform velocity profile was established at the inlet, corresponding to a volumetric
flow of 15 L/min, covering the laminar regimen with Re 484 (healthy) and Re 1089
(asthmatic). No-slip boundary condition for the wall was applied. For the outlets, the
OF-BC was set up, selecting for this application the pressure BetaAirwaysModel. Using
the dimensions of the table, ratios alphas and beta were calculated. Figure 4-13 and
Figure 4-14 show these factors from generation 5 to 16 for healthy and asthmatic cases,
respectively. For the two cases of analysis, the following settings were configured:

1. For results validation with those obtained by Tsega and Katiyar [111], an ay and
average between generation 5,6 and 7 was required. The continuous line in Figure
4-13 and Figure 4-14 show this average: for the healthy model ay = 0,80 and
B = 3,2 and for the asthmatic ay = 0,79 and g = 7,4.

2. For the extended analysis, considering all generations of the conducting zone, an
average from generation 5 to 16 was calculated. The dashed line in Figure 4-13
and Figure 4-14 shows this average: for the healthy model ap, = 0,85 and g = 3,3
and for the asthmatic ay = 0,83 and § = 8.

¢ Results

Figure 4-15 shows a comparison between the pressure distributions on the wall obtai-
ned by Tsega and Katiyar [111] ((a) and (c)) vs the results obtained by applying the
OF-BC ((b) and (d)). It is noted that OF-BC is correctly capturing the pressure drops
distributions, including the high values that develop at the bifurcation point and in
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Figure 4-14.: Homothety and beta factor for asthmatic airways

the inlet. Regarding to the maximum pressure, a peak of 3,92 [Pa] for the healthy case
and 91,3 [Pa] for the asthmatic case were reported by Tsega and Katiyar [111]. With
the use of the OF-BC, values of 3,40 [Pa] and 96,08 [Pa| were obtained. These results
reflect what was discussed in the validation of the models: For slender branches (§ =7
in the asthmatic case) and low Re (1089), the pressure calculation is very accurate,
since the relative error between the maximum peak obtained by Tsega and Katiyar
[111] and the one calculated by our simulation is only 5 %. On the other hand, for not
so slender branches (beta = 3,2) and low Re (484), accurate results are still obtained,
with a relative error of 13.3 %.

Once the results were compared with the 5-generation geometry of Tsega and Katiyar
[111], the extended study of the behavior of healthy versus asthmatic airways covering
the respiratory conduction zone, from generation 3 to generation 16, was performed.
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Figure 4-15.: Wall pressure distribution. Items (a) and (c) taken from Tsega and Katiyar
[111]

Figure 4-16 shows the comparison between pressure drops,velocity profiles and wall
shear stresses. Two vertical axes were used in these plots: a green axis for the healthy
condition on the left side, and a blue axis for the asthmatic condition on the right side,
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each with its own scale.

Figure 4-16 (a) shows the pressure drop measured across the axial axis of the branches
from generation 0 to 1. As expected, the pressure peak due to the gradients is observed.
The large difference in scales for each axis evidences the effect of the airway narrowing,
increasing the inlet pressure from 2,8 [Pa] to 96 [Pal. The maximum pressure values
developed in each case were 6,66 [Pa] and 128,6 [Pal, for the healthy and the asthmatic
condition, respectively.

The velocity profiles can be seen in Figure 4-16 (b). These curves were taken on the
coronal plane, in the middle of a branch belonging to generation 1. The remarkable
velocity increase due to cross-sectional contraction from the healthy to the asthmatic
case is evidenced, with a peak growing from 1,54 [m/s]| to 7,5 [m/s].

Figure 4-16 (c) illustrates the wall shear stresses measured on the inner wall of a
branch of generation 1. In line with the results obtained for velocity, a significant
increase in shear stresses is visualized for asthmatic airways, specially in the vicinity
of the bifurcation point where a maximum value of 2,7 [Pa] is reached, in contrast to
the stress value of 0,19 [Pa] developed by healthy airways.

4.2.2. CASE II: Patient-specific analysis

The main objective of this application was to show how the boundary condition based on
homothety ratios can be applied in real airway models.

e Geometry

The same real specific patient model segmented in the Comparative study between
synthetic and real airway models was selected for this analysis (See Figure 3-1 and
3-2). Figure 4-17 shows the post-processed model with the respective branch names
that will be used in this study.

o Numerical model

For this study, the working fluid is air. The governing equations are described in Eqs. 2-
6 and 2-7. The preferred numerical configuration described in section 2.2.2 was selected,
with the only difference that the pimpleFoam solver is applied. The average number of
tetrahedral cells was 4e6.

e Boundary conditions

Total conducting respiratory zone were performed. The computational CFD domain
cover from trachea (Gen 0) to secondary bronchi (Gen 4), and with the OF-BC the
respective missing generations were modeled. Two healthy and collapsed airway cases
were explored following the next set up:
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Figure 4-16.: Healthy and asthmatic airways comparison

e For healthy case, all outlets cover up to generation 16, with a factor aps = 0,8 and
g = 3,25.

e For the collapsed airways case, the outlets deriving from the Left main bronchi
cover up to generation 16 with ay = 0,8 and g = 3,25. On the other hand, the
outlets deriving from the Right main bronchi cover only one more generation with
as = 0,8 and [ = 3,25.

The pressureBetaAirwaysModel condition was selected to configured these cases. For
the volumetric flow a factor of a3 = 0,5 is considered.

The area of the inlet patch was 2.6e-4. Although this patch does not have an exact
geometric shape, a circle approximation was assumed to determine the diameter. With
this value, two Re numbers of 500 and 1600 were calculated and performed. A non-slip
condition in the walls was applied.

e Results
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Figure 4-17.: Real specific-patient airways model

Figure 4-18 shows the comparison of the velocity streamlines for Re 500. For the
healthy conditions, a relatively uniform streamlines distribution in both right and left
sides is noticeable, with a maximum velocity peak of 1,025 [m/s], located in the last
CFD generation modeled deriving from the Left main bronchi. On the other hand, in
the collapsed airways simulation, it can be observed a velocity increase towards the
branches deriving from the left main bronchi, reaching a peak of 1,254 [m/s|. In a
similar way, for a Re 1600, a peak of 3,423 [m/s] is obtained for the healthy condition
and it increases to 3,951 [m/s| in the collapsed case. These velocity changes imply a
percentage increase of 22 % for Re 500 and 15 % for Re 1600.

Wall pressure distribution for Re 1600 are shown in Figure 4-19. In healthy airways,
a maximum pressure peak of 24,39 [Pa| is generated. In turn, the minimum pressure
value of 11,39 [Pa] is located in the terminal branches. As expected, in the case of
collapsed airways, a decrease in pressure is evidenced due to the missing generations.
A maximum value of 19,27 [Pa] and a minimum of 4 [Pa] is observed. This implies
a decrease of approximately 20 % for the maximum pressure peak, and a reduction
of more than 50 % in the minimum pressure values reached. Accordingly, for Re 500
a decrease of the minimum pressure of the same percentage is evidenced, going from
3,15 [Pa] to 1,59 [Pa].

Figure 4-20 illustrates the wall shear stresses for Re 1600. A scale from 0 [Pa| to
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Figure 4-18.: Velocity streamlines for Re=500
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Figure 4-19.: Pressure wall distribution for Re=1600

0,3 [Pa] was applied for both plots, in order to clearly observe the behavior of the
WSS. It is remarkable how the stresses increase and redistribute towards the branches
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derived from the Left main bronchi when the collapse occurs, generating overstresses
in all the bifurcation points on these branches. This re-distribution of the WSS is
in line with the streamline patterns, evidencing how the zone affected by the loss
of generations impacts the flow behavior through the airways. A maximum stress of
0,89 [Pa) is developed in the collapse case, value which represents an increase of 33 %
compared to the 0,67 [Pa] generated in the healthy case. A percentage increase of 15 %
is observed for Re 500.
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Figure 4-20.: Wall shear stresses for Re=1600

4.3. Algorithm performance for pulsating flows

Flow through the airways has an essentially pulsatile behavior. As indicated in research
work by Xia et al. [123], Adler and Briicker [1] and Bauer and Briicker [8], fluid oscillation
is generally simplified as a sinusoidal function. This implies that, for example, for the beta
model equation is defined as

16 a; N az(a3N — o
APy(t) = Wﬁf Qolt) (1 + =2 Cj’ffag 3)) (4-12)
0 5

Some experiments to analyze the behavior of the boundary condition with the Beta model
for pulsating flows were developed. They are described below.

o Geometry
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Two airways geometries with the configuration shown in Figure 4-6 were employed:
The first is the 5-generation geometry used to validate the beta model (see Figure
3-3 and Geometry 2 column in Table 4-2), and the second is a 2-generation geometry
coming from the elimination of the last three generations of the previous model.

¢ Numerical model

For this study, the working fluid is air. The governing equations are described in Egs.
2-6 and 2-7. For this case two differences with the preferred numerical configuration
described in section 2.2.2 were implemented: the selection of pimple foam as solver and
the change of the temporal scheme to Crank-Nicholson. These changes are due to select
better performance schemes for oscillating flows. The average number of tetrahedral
cells was 1.5e6.

¢ Boundary conditions

An uniform oscillating sinusoidal velocity was applied at the inlet for both geometries.
A peak velocity equivalent to Re=500 was selected, and two different frequencies were
analyzed:

1. Wo = 4.14 equivalent to a frequency close to conventional mechanical ventilation
(CMV) with 30 breath cycles per minute.

2. Wo = 8.29 equivalent to high frequency oscillatory ventilation (HFOV) with 120
breath cycles per minute.

Two breathing cycles were performed, implying a total simulation time of 4 seconds
for Wo = 4.14 and 1 second for Wo = 8.29.

A non-slip condition in the walls was applied.

For the pressure setting, in the case of the full 5-generation geometry a fixed pressure
of 0 was imposed. On the other hand, for the case of the 2-generation cut geometry
the Beta boundary condition was set using the values observed in Geometry 2 column
in the Table 4-3.

4.3.1. Pressure and velocity curves analysis

For the analysis results, two probes were placed in the airways tree, one in the middle of
the trachea and the other in the middle of a branch of generation 1. A comparison of the
pressures over time using the complete CDF simulation vs OF-BC is shown in Figures 4-21
and 4-22 for Wo = 8,29 and Wo = 4,14 | respectively.

As is evident in both cases, although the trends are well captured, the pressure values over
time obtained with the OF-BC are smaller in magnitude. This difference is more noticeable
for the larger Wo number. With Hagen-Poiseuille’s law it is possible to calculate the value
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Figure 4-22.: Pressure vs time comparison. Wo = 4.14

of the constant pressure gradient between two points of a pipe. As indicated by Islam et al.
[47], the pulsatile flow is driven by an oscillating pressure gradient, which can be defined as:

P = P, + Pye™" (4-13)

Where P is the pressure, P; is the static pressure, i.e. the calculated pressure by Hagen-
Poiseuille’s law and Fy is the pressure component generated by the oscillatory nature of
the flow. This explains the reason for the underestimation of pressure using only Hagen-
Poiseuille’s law.

Figure 4-23 and Figure 4-24 show the behavior of velocity and pressure over time.

Under an oscillation condition, viscoelastic materials behave as a function of frequency. As
indicated by Miri et al. [73], one of the main characteristics is the phase angle (J), which
varies between 0° for a fully elastic material, between 0° and 90° for viscoelastic materials
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Figure 4-23.: Pressure and velocity vs time at trachea probe. Wo = 8.29
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Figure 4-24.: Pressure and velocity vs time at generation 1 probe. Wo = 8.29. The red
lines represent the points where for a maximum pressure, there is a minimum
velocity.

and 90° for a purely viscous fluid. For our case analysis this phase angle can be visualized
through the pressure and velocity curves. For the phase angle measurement, it is calculated
for each sensor (in the complete CFD simulation) how much x-axis advance equals 7/2, i.e.
90°. Thus, for the case of the trachea, the advance equivalent to 90° is 0.125 s, and for the
first generation sensor it is 0.118 s. As shown in Figure 4-23 (a) and Figure 4-24 (a), in
both the tracheal sensor and the daughter branch sensor, an offset between the curves of
approximately 90° is evident. When the pressure is at a peak value, the velocity is almost at
a value of 0, and vice versa (red lines in the graphs). For the tracheal sensor, this behavior
is captured accurately using the OF-BC (Figure 4-23 (b)). However, in the first generation
sensor this angle is far from 90° (4-24 (b)).
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Analyzing the results obtained, it is observed that the beta model requires a correction in
order to be applied to pulsating flows.



5. Conclusions and recommendations

5.1. Conclusions

In this research work, a study of different phenomena associated with the flow within human
airways was developed. The main focus was on the application of techniques that simplify
the complexity associated with the airways numerical simulations. A review on hybrid simu-
lation methodologies applied to biofluids was developed, with the intention of recognizing
the different strategies used for the simplification of this type of computational simulations.
The first simplification implemented was a Spatial complexity reduction. This application
consisted in the comparison between the use of synthetic vs. real patient-specific airway geo-
metries, considering that synthetic models reduce the expense of modeling and complexity
of airway geometry. The patient-specific model was segmented from computed tomography
medical images. The synthetic model was based on the first 5 generations of the model
proposed by Weibel. The results showed that, despite the geometrical differences between
models, the pressure and shear stress distributions as well as the velocity streamlines were
similar. Differences were found to be less than 5 % for peak velocity and 25 % for peak pres-
sure. In fact, the wall pressure distributions show a similar trend for both models for each of
the generations. Similarly, the wall shear stresses show a close distribution for the synthetic
and real models, with the particularity that the bifurcation points of the synthetic model
generate higher stress concentrations, due to the fact that they are straight joints. Anyhow,
the maximum peak of WSS is reached in the real airways model, since the surfaces of these
models, either by the process of segmentation or by the biological behavior of the airways
walls, tend to present perturbations that act as a kind of stress concentrators. These results
are shown as a confirmation for the extensive use of synthetic models in all types of numeri-
cal simulations, obtaining representative results that adequately capture the flow phenomena
with respect to real patient-specific geometries, with the advantage of the parameterization
and simplification of the geometric model itself. From this conclusion, a particular interest
in the effect of some morphological parameters on the flow through the synthetic models
was concerned. Specifically, the effect of the variation of the bifurcation angle (BA) and the
carina rounding radius (CRR) on the flow. For this purpose, a series of numerical simulations
were developed. The main focus was to detail and quantify the influence of the BA and CRR
variations on the respiratory process examining both the inhalation and exhalation stages.
Numerical experiments were performed on airway models set up for seven different angles
and three rounding radius, using two symmetrical models (Weibel et al. [117] for BA analysis
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and Lee et al. [59] model for CRR). The respiratory mechanisms of human inhalation and
exhalation were decoupled and hence considered as independent processes in contrast with
some previous works where pulsating flow is adopted (Xia et al. [123]; Adler and Briicker
[1]; Bauer and Briicker [8]). During inhalation process, larger values for BA bring about a
greater narrowing of the velocity profile, trendy to the inner wall on the coronal plane. In
turn, velocity profiles on the sagittal plane show a deceleration across the axial axis. A local
growth of the pressure drop is also observed with larger pressure values being obtained as
the BA increases. This behaviour was specially noticeable in the region nearby the mean
bifurcation. Maximum wall shear stress are developed at this point, and has a tendency to
decrease as the angle increase. On the other hand, larger values of CRR are linked with the
increment of the velocity across the bifurcation, as a higher pressure drop. For a straight
joint, maximun WSS is located exactly in the joint, and it will be moving across the air-
way as the radius grows (and hence the smoothing). In both BA and CRR studies, there
is evidence of a particular relationship between the vortical structures and the velocity an
vorticity profiles. There are a dependency of the location of the peak velocity profile, the
miminum vorticity magnitud and the saddle point (seen across the secondary patterns). This
behaviour is kept as the velocity increase, even when new vortex appears. For exhalation
process, an acceleration in the middle of the trachea is evidenced. This behaviour is greater
for smaller BA in both coronal and sagittal planes. Moreover, the wall shear stress exhibits a
particular increase in the first half of the branch for all cases. This behaviour may be related
to the resistance and oscillations produced by the changes in the cross section area as the
flow is transported through the branches. As in the inhalation process, there is a relationship
between the V-W profiles and the vortical structures. Even in the trachea, where there is
symmetry in the secondary flow patterns in both the coronal and sagittal planes, this beha-
vior occurs in up to three points. It is important to mention that, in this exhalation stage,
although changes of pressure drop and WSS were observed for the different BA, those were
practically unnoticeable, making clear that these flow parameters are not really dependant
of the BA in contrast to the effect appreciated during the inhalation stage.

A second approach to simplify and reduce complexity in airway simulations was implemented,
using a hybrid simulation methodology. For this case, a 3D to 0D spatial reduction was
developed, within the application and implementation of a pressure boundary condition (BC)
based on human airway homothety factors. This BC, presented and validated in this work,
provides an accurate tool to predict the pressure drop for a certain number of generations
within the airway conduction zone. The derivation of the mathematical model starts with
the assumption that the flow through the airways behaves like a Hagen-Poiseuille’s flow. The
bronchial tree is also considered to have a fractal geometry, which changes in size by constants
known as homothety ratios. With these two assumptions, two pressure drop calculation
models were presented: the homothety model and the beta model. A sensitivity analysis was
carried out by generating random values for these ratios and to measure their influence on
the final pressure calculation. A statistical analysis allows to determine that the effect of this
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randomness does not strongly impact the pressure predictions, therefore the consideration
of constant homothety ratios is justified. The condition was implemented through the open
source OpenFOAM and tested with two Re numbers in the laminar regime and with several
types of geometries. The results obtained show a good adjustment of the pressure with
respect to those obtained by simulating the complete geometry. For low Reynolds numbers,
the errors are within 10 %, even for the less slender pipes. However, for high Re numbers,
the models predict with a higher error, ranging up to 20 %, and even 40 % for a system
with very low slender branches. This indicates that the models perform well for velocity
ranges not exceeding Re 2000, and with improved accuracy for slender branches. Likewise,
the velocity and wall shear stress fields are also captured with about 10 % error rates. It is
worth noting that the computational cost between full CFD modeling and the use of OF-BC
was reduced in almost 3 times, obtaining improvements of more than 60 % in simulation
times. Therefore, the use of OF-BC presents a good relationship between the reliability of the
results and the computational cost. Two application cases were implemented to measure the
robustness of the boundary condition. The first case was the analysis of airways in asthma
condition. In this study, it was observed how this disease leads to more critical values,
increasing pressure drop by more than 35 times and shear stress by more than 17 times. In
addition, a validation with the work done by Tsega and Katiyar [111] yielded errors of about
10 % in the pressure prediction, thus demonstrating again the closeness of our mathematical
model with a full CFD simulation. For the second case, a patient-specific airway model was
employed to simulate a condition of airway collapse, considering a complete loss of branches
on one side of the bronchial tree. The redistribution of wall shear stresses and streamline
velocities leads to a critical condition in the zone of the collapsed airways, increasing up to
33 % the maximum WSS. An analysis of the behavior of the homothety boundary condition
for pulsating flows was performed using the same geometry for the validation of the static
pressure boundary condition. Two Womersley numbers were tested characterizing normal
mechanical ventilation and high frequency oscillatory ventilation states. The results show
how the boundary condition captures only a part of the pressure drop (the static part), but
is not able to adjust to the effects produced by the oscillation itself. This is reflected in an
underestimation of the pressure values over time, more noticeable for larger Wo. At the same
time, it can be observed that the boundary also captures the phase angle between pressure
and velocity for the trachea zone, but it is far from the expected value of 90A° in the first
generation. This shows that the boundary condition requires a modification to allow it to
correctly include the oscillating effects, in order to be used in pulsatile flows.

5.2. Recommendations

The comparison study between synthetic and real patient-specific airway geometries was
developed by applying only one model for both cases: the weibel model and a single medical
image segmentation. Future work should focus on doing an analysis that covers a broader
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spectrum of models (both synthetic and segmented), and thus generalize the results.

The results of the carina rounding radius effect were obtained only for the respiratory inha-
lation process. To complement the results, an analysis of the effect for respiratory exhalation
is required.

An improvement of the perfomance of the boundary conditions based on homothety ratios
for oscillating flows is necessary. As observed in the results, an adjustment at each time step
is required for the algorithm to calculate more accurately the pressure drops.

The robustness and capability of boundary conditions including impedance is evidenced in
the literature. In fact, it is observed how this inclusion allows to bring up the mechanical
properties of the airway walls. Future work should be related to the implementation and
adjustment of the homothety boundary condition taking into account the impedance of the
bronchial tree.

As well as exploring a dimensional reduction methodology, it is also indispensable to inves-
tigate and implement coupled algorithms for the analysis of airway phenomena. Inclusions
such as FSI to take into account the deformation of the airway walls, or DEM methods for
particle inhalation analysis, which added to the reduction methodology already developed,
lead to a robust model for multiphysics analysis.



A. Appendix: Compilation files for
Boundary Conditions

A.1. pressureHomothetyAirwaysModel

A.1.1. pressureHomothetyAirwaysModel.C

/ \
\
\\ / F ield | OpenFOAM: The Open Source CFD Toolbox
A\ / O peration |
\\ / A nd | Copyright (C) 2011 OpenFOAM Foundation
\\/ M anipulation |
License

This file is part of OpenFOAM.

OpenFOAM is free software: you can redistribute it and/or modify it
under the terms of the GNU General Public License as published by
the Free Software Foundation, either version 3 of the License, or
(at your option) any later version.

OpenFOAM is distributed in the hope that it will be useful, but WITHOUT
ANY WARRANTY; without even the implied warranty of MERCHANTABILITY or
FITNESS FOR A PARTICULAR PURPOSE. See the GNU General Public License
for more details.

You should have received a copy of the GNU General Public License
along with OpenFOAM. If not, see <http://www.gnu.org/licenses/>.

\ /

#include ”pressureHomothetyAirwaysModelFvPatchScalarField .H”
#include ”addToRunTimeSelectionTable .H”

#include ”fvPatchFieldMapper.H”

#include ”volFields .H”

#include ”surfaceFields .H”

#include "mathematicalConstants.H”

#define PI_. constant:: mathematical:: pi

// * % % x % % x % % % x % % *x x % Constructors ok ok ok ok ok ok ok ok ok ok ok ok x [/

Foam:: pressureHomothetyAirwaysModelFvPatchScalarField ::
pressureHomothetyAirwaysModelFvPatchScalarField
(

const fvPatch& p,

const DimensionedField<scalar , volMesh>& iF

fixedValueFvPatchScalarField (p, iF),
UName_("U”) ,

phiName_(” none”),

rhoName_(” none” ),

LO_(1.0),

alphal_(1.0),

alpha2_(1.0),

alpha3_(1.0),

nu0-(0.0),

N_(0.0),
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pRef_(p.size (), 0.0),
r0_(1.0),
factorP_(0.0),
isFactorOK_(false),
patchArea_(0.0),
nNonOrthCorr_(0) ,
nThisCorrections_(0)

{3

Foam:: pressureHomothetyAirwaysModelFvPatchScalarField ::
pressureHomothetyAirwaysModelFvPatchScalarField

(
const fvPatch& p,
const DimensionedField<scalar , volMesh>& iF ,
const dictionary& dict
)
fixedValueFvPatchScalarField (p, iF),
UName_(dict .lookupOrDefault<word>("U”, "U”)),
phiName_(dict.lookupOrDefault<word>("phi”, ”phi”)),
rhoName_(dict.lookupOrDefault<word>("rho”, ”"none”)),
LO-(readScalar (dict.lookup(”L0”))),
alphal_(readScalar (dict.lookup(”alphal”))),
alpha2_(readScalar (dict.lookup(”alpha2”))),
alpha3_(readScalar (dict.lookup(”alpha3”))),
nu0-(0.0),
N_(readScalar (dict.lookup (”"N”))),
pRef_(”pRef”, dict, p.size()),
r0-(0.0),
factorP_(0.0),
isFactorOK_(false),
patchArea_(0.0) ,
nNonOrthCorr_(0),
nThisCorrections_(0)
{
//— Calculating initial value of pressure for the patch
if (dict.found(” value”))
{
fvPatchField<scalar >::operator=
(
scalarField (” value”, dict, p.size ())
)
¥
else
{
fvPatchField<scalar >::operator=(pRef_);
}
//— Correct the values of area and radius
Info<< nl << ”Executing getPatchArea for patch : ”’<< this—>patch ().name() << endl;
getPatchArea ();
Info<<”Executing correctRadius for patch : 7<< this—>patch ().name() << endl;
correctRadius ();
//— Get the multiplication factor of the tree
if (!isFactorOK.)
{
Info<< ” Executing calculateFactor for patch : ” << this—>patch ().name() << nl << endl;
calculateFactor ();
isFactorOK_. = true;
}
}

Foam:: pressureHomothetyAirwaysModelFvPatchScalarField ::
pressureHomothetyAirwaysModelFvPatchScalarField

(
const pressureHomothetyAirwaysModelFvPatchScalarField& ptf,
const fvPatch& p,
const DimensionedField<scalar , volMesh>& iF ,
const fvPatchFieldMapper& mapper

fixedValueFvPatchScalarField (ptf, p, iF, mapper),
UName_( ptf.UName._) ,

phiName_(ptf.phiName_),

rhoName_(ptf.rhoName_),

LO-(ptf.LO-),

alphal_(ptf.alphal_),

alpha2_(ptf.alpha2_),
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alpha3_(ptf.alpha3_),
nuO_(ptf.nu0_),

N_(ptf.N_),

pRef_(ptf.pRef_., mapper),
rO_(ptf.r0_),
factorP_(ptf.factorP_),
isFactorOK_(ptf.isFactorOK._),
patchArea_(ptf.patchArea_),
nNonOrthCorr_(ptf.nNonOrthCorr_),
nThisCorrections_(ptf.nNonOrthCorr_)

{3

Foam:: pressureHomothetyAirwaysModelFvPatchScalarField ::
pressureHomothetyAirwaysModelFvPatchScalarField

(
)

const pressureHomothetyAirwaysModelFvPatchScalarField& tppsf

fixedValueFvPatchScalarField (tppsf),
UName_(tppsf.UName.),
phiName_(tppsf.phiName_),
rhoName_(tppsf.rhoName.),
LO_-(tppsf.LO.),
alphal_(tppsf.alphal_),
alpha2_(tppsf.alpha2_),
alpha3_(tppsf.alpha3._),
nuO_(tppsf.nul_),

N_(tppsf.N_),

pRef_(tppsf.pRef_),

rO_(tppsf.r0-),
factorP_(tppsf.factorP_),
isFactorOK_(tppsf.isFactorOK.),
patchArea_(tppsf.patchArea_),
nNonOrthCorr_(tppsf.nNonOrthCorr_),
nThisCorrections_(tppsf.nNonOrthCorr_)

{3

Foam:: pressureHomothetyAirwaysModelFvPatchScalarField ::
pressureHomothetyAirwaysModelFvPatchScalarField

(
const pressureHomothetyAirwaysModelFvPatchScalarField& tppsf,
const DimensionedField<scalar , volMesh>& iF
)
fixedValueFvPatchScalarField (tppsf, iF),
UName_(tppsf.UName.),
phiName_(tppsf.phiName_),
rhoName_(tppsf.rhoName_.),
LO-(tppsf.LO_),
alphal_(tppsf.alphal_),
alpha2_(tppsf.alpha2_),
alpha3_(tppsf.alpha3_),
nuO_(tppsf.nul_),
N_(tppsf.N_),
pRef_(tppsf.pRef_),
rO_(tppsf.r0_),
factorP_(tppsf.factorP_),
isFactorOK_(tppsf.isFactorOK.),
patchArea_(tppsf.patchArea_),
nNonOrthCorr_(tppsf.nNonOrthCorr_),
nThisCorrections_(tppsf.nNonOrthCorr_)
{}

// * * % x % % x % % % x % % % x Member Functions k ok ok ok ok ok ok ok ok x ok k x [/

void Foam:: pressureHomothetyAirwaysModelFvPatchScalarField :: autoMap

(
const fvPatchFieldMapper& m

)
fixedValueFvPatchScalarField :: autoMap (m);
pRef_.autoMap (m);

¥

void Foam:: pressureHomothetyAirwaysModelFvPatchScalarField :: rmap
(

const fvPatchScalarField& ptf,

const labelList& addr



A.1 pressureHomothety AirwaysModel 91

)
{
fixedValueFvPatchScalarField ::rmap(ptf, addr);
const pressureHomothetyAirwaysModelFvPatchScalarField& tiptf =
refCast<const pressureHomothetyAirwaysModelFvPatchScalarField >(ptf);
pRef_.rmap(tiptf.pRef_, addr);
}
void Foam:: pressureHomothetyAirwaysModelFvPatchScalarField :: getPatchArea
(
)
{
scalar patchArea = gSum( patch ().magSf() );
reduce (patchArea, sumOp<scalar >());
patchArea. = patchArea ;
}
void Foam:: pressureHomothetyAirwaysModelFvPatchScalarField :: correctRadius
(
)
{
if ( patchArea. < SMALL )
r0-. = 2.0*SMALL;
}
else
{
r0. = sqrt(patchArea_/PI_);
Info<< ”The calculated radius is 7 << r0. << endl;
}
}
void Foam:: pressureHomothetyAirwaysModelFvPatchScalarField :: getViscosityValue
(
)
{
const dictionary& transportProperties. =
this—>db (). objectRegistry :: lookupObject<IOdictionary >(”transportProperties”);
dimensionedScalar dimensionedNu. = transportProperties_.lookup(”’nu”, 0.0);
nuO- = dimensionedNu_.value() ;
}
void Foam:: pressureHomothetyAirwaysModelFvPatchScalarField :: calculateFactor
(
)
{
factorP_ = (8.0 % nuO. % LO_. )/(PI. % pow(r0.,4)) =
(—(alphal_xalpha3_x pow(alpha2_.,—4.0xN_) x (pow(alpha2_,4.0«xN_.)—pow(alpha3_,N.)
«pow (alphal_ ,N_)))/(alphal_xalpha3_—pow(alpha2_,4)));
Info<< ”"The calculated factorP is 7 << factorP._. << endl;
}

void Foam:: pressureHomothetyAirwaysModelFvPatchScalarField :: updateCoeffs
(

const scalarField& pRefp,

const vectorField& Up,

const scalar& factorPp

)
{
if (this—>updated())
{
return ;
s

if (!isFactorOK.)
calculateFactor ();

isFactorOK_. = true;

}
getViscosityValue ();

if (phiName. == ”"none” && rhoName. == ”none”
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{

void Foam:: pressureHomothetyAirwaysModelFvPatchScalarField ::

{

//

else

{
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scalar patchFlux (—1.0)

reduce (patchFlux , sumOp<scalar >());

Info<< ”The calculated patch flux is 7 << pat

operator==( factorPp* nuO_. * patchFlux + pRefp )

» none”

if (rhoName_

const fvsPatchField<scalar>& phip

patch ().lookupPatchField<surfaceScalarField ,
scalar patchFlux = gSum( phip );
reduce (patchFlux , sumOp<scalar >());

Info<< "The calculated patch flux is ? << pat

operator==( factorPp* nuO_. % patchFlux + pRefp )

* gSum( patch ().Sf() & Up );

chFlux << endl;

5

scalar >(phiName_);

chFlux << endl;

5

<< endl

¥
else
{
FatalErrorIn
(
”pressureHomothetyAirwaysModelFvPatchScalarField :: updateCoeffs ()”
) << ” rho or phi set inconsistently , rho = 7 << rhoName_
<< 7, phi = ” << phiName. << ”.\n”
<< 7 Set either rho or psi or neither depending on the 7
7”definition of total pressure.” << nl
<7 Set the unused variable(s) to ’none’.\n”
<7 on patch 7 << this-—>patch ().name()
<< 7 of field ” << this—>dimensionedInternalField ().name()
<< 7 in file ” << this—>dimensionedInternalField ().objectPath ()
<< exit (FatalError);
¥
fixedValueFvPatchScalarField :: updateCoeffs ();
// Info<< ”This is the internal debug line A5: finished updateCoeffs 7
// << A << nl << endl

updateCoeffs

)s

pRef (),
patch ().lookupPatchField<volVectorField ,
factorPp ()

updateCoeffs ()

vector >(UName()) ,

write (Ostream& os) const

fvPatchScalarField :: write (os);

writeEntryIfDifferent <word>(os, ”U”, ”"U”, UName.);
writeEntryIfDifferent <word>(os, ”"phi”, "phi”, phiName._);
writeEntryIfDifferent <word>(os, ”rho”, ”"rho”, rhoName._);
os.writeKeyword ("L0”) << LO. << token ::ENDSTATEMENT << nl;
os.writeKeyword (” alphal”) << alphal_ << token ::ENDSTATEMENT << nl;
os.writeKeyword (” alpha2”) << alpha2_ << token ::ENDSTATEMENT << nl;
os.writeKeyword (” alpha3”) << alpha3_. << token ::ENDSTATEMENT << nl;
os.writeKeyword ("nu0”) << nuO. << token ::ENDSTATEMENT << nl;
os.writeKeyword ("N”) << N_ << token :: END.STATEMENT << nl;

pRef_. writeEntry (” pRef” ,
writeEntry (” value”,

os);
0s);

®ook sk ko ok sk ko ok ko sk ok ok ko sk kR sk ok ok k ko ok sk ko ok ok ok kK ok ok ok ok ok x ok /]

namespace Foam

{

makePatchTypeField

(

fvPatchScalarField ,
pressureHomothetyAirwaysModelFvPatchScalarField
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)3
}
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A.1.2. pressureHomothetyAirwaysModel.H

//

—~

—

~
Z»0m1

ield
peration

anipulation

OpenFOAM: The Open

Source CFD Toolbox

\
\
\
nd | Copyright (C) 2011—-2012 OpenFOAM Foundation
\

License
This file i

OpenFOAM is

under the terms

s part of OpenFOAM.

free software: you can redistribute it and/or modify it

the Free Software Foundation,

either version 3 of the License,

(at your option) any later version.

OpenFOAM is

ANY WARRANTY; without even the

distributed in the hope that it will be useful, but WITHOUT
implied warranty of MERCHANTABILITY or

FITNESS FOR A PARTICULAR PURPOSE. See the GNU General Public
for more details.

You should

Class

of the GNU General Public License as published by

or

License

have received a copy of the GNU General Public License
along with OpenFOAM. If not,

see <http://www.gnu.org/licenses

Foam:: pressureHomothetyAirwaysModelFvPatchScalarField

Group
grplnletBou

Description

ndaryConditions grpOutletBoundaryConditions

/>

This boundary condition provides a value of pressure for a bifurcated

symmetrical

airways model based on HOMOTHETY coeficients

RADIUS and VLOUMETRIC FLOW

\heading Patch usage

for LENGTH,

Required
yes

yes

no

yes

yes

yes

yes

yes

no

flow .

Default value
U

phi

rho

Lo

alphal

alpha2

alpha3

N

0

\table
Property | Description |
U | velocity field name |
phi | flux field name |
rho | fluid density |
LO | Lentgh of last simulated generation |
alphal | Homothety Lenght factor |
alpha?2 | Homothety radius factor |
alpha3 | Homothety Vol flow factor |
N | Number of missing generation |
pref | static pressure reference |

\endtable

Example of the boundary condition specification:

\verbatim

myPatch

{
type pressureHomothetyAirwaysModel;
U U;
phi phi;
rho none;
beta 6;
alpha2 0.8;
alpha3 0.5;
N 10;
pRef 0;

\endverbatim

Note
The default boundary behaviour is for subsonic, incompressible
3k 3k 3k 3k sk >k ok 3k sk >k sk 3k sk >k sk >k Kk >k sk >k Sk >k 3k ok 3k >k 3k ok 3k >k 3k >k K 5k kK k ok
SeeAlso

Foam:: fixedValueFvPatchField
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Boundary condition heavily based on the totalPressure BC

SourceFiles
pressureHomothetyAirwaysModelFvPatchScalarField .C

\

#ifndef pressureHomothetyAirwaysModelFvPatchScalarField_-H
#define pressureHomothetyAirwaysModelFvPatchScalarField_-H

#include ”fixedValueFvPatchFields.H”

[/ % ok ok x ok k k ok ok ok ok ok ok ok ok ok ok ok ok ok ok ok ok ok ok %k ok ok ok ok ok k k ok k x x [/

namespace Foam

{

Class pressureHomothetyAirwaysModelFvPatchScalarField Declaration

\
class pressureHomothetyAirwaysModelFvPatchScalarField
' public fixedValueFvPatchScalarField

// Private data

//— Name of the velocity field
word UName_;

// Name of the flux transporting the field
word phiName_;

//— Name of the density field used to normalise the mass flux

word rhoName._;

//— Reference Length at the Zero generation of the tree
scalar LO_;

//— Lentgth — Diameter ratio
scalar alphal_;

//— Homothety coefficient for radius
scalar alpha2_;

//— Homothety coefficient for volumetric flow rate
scalar alpha3_;

//— Dynamic viscosity at the Zero generation of the tree
scalar nuO_;

//— Number of missing generations for this patch or partial
scalar N_j;

//— Reference pressure at the end of the branchial tree
scalarField pRef_;

// Reference radius at the Zero generation of the tree
scalar r0_;

//— new pressure calculated by formula
scalar factorP_;

tree

//— Boolean to check if factor has been calculated yet or not.

bool isFactorOK_;
//— Scalar with the value of the area of the patch

scalar patchArea_;

//— number of non Orthogonal correctors

int nNonOrthCorr_;

int nThisCorrections_;

//— Boolean to check if the BC has already been calculated,

public:

//— Runtime type information
TypeName (” pressureHomothetyAirwaysModel”);

in a time

step
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// Constructors

// Construct from patch and internal field
pressureHomothetyAirwaysModelFvPatchScalarField
(

const fvPatch&,

const DimensionedField<scalar , volMesh>&

)3

//— Construct from patch, internal field and dictionary

pressureHomothetyAirwaysModelFvPatchScalarField

(
const fvPatché&,
const DimensionedField<scalar , volMesh>&,
const dictionary&

)3

//— Construct by mapping given a

// pressureHomothetyAirwaysModelFvPatchScalarField

// onto a new patch
pressureHomothetyAirwaysModelFvPatchScalarField

(

const pressureHomothetyAirwaysModelFvPatchScalarField&,

const fvPatché&,
const DimensionedField<scalar , volMesh>&,
const fvPatchFieldMapper&

)5

//— Construct as copy
pressureHomothetyAirwaysModelFvPatchScalarField

(
)3

const pressureHomothetyAirwaysModelFvPatchScalarField&

//— Construct and return a clone
virtual tmp<fvPatchScalarField> clone () const

{

return tmp<fvPatchScalarField>

(
new pressureHomothetyAirwaysModelFvPatchScalarField (*this)
)i
}
//— Construct as copy setting internal field reference

pressureHomothetyAirwaysModelFvPatchScalarField

(

const pressureHomothetyAirwaysModelFvPatchScalarField&,

const DimensionedField<scalar , volMesh>&

)3

//— Construct and return a clone setting internal
virtual tmp<fvPatchScalarField> clone

(

const DimensionedField<scalar , volMesh>& iF

) const
{
return tmp<fvPatchScalarField >
(
new pressureHomothetyAirwaysModelFvPatchScalarField (*this ,
)3

// Member functions

// Access
//— Return the name of the velocity field
const word& UName() const

{
}

return UName_;

//— Return reference to the name of the velocity

// to allow adjustment
word& UName ()

{
}

//— Return the name of the flux field
const word& phiName () const

return UName_;

field

field

reference

iF)
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¢ return phiName_;
}
//— Return reference to the name of the flux
// to allow adjustment
word& phiName ()
{
return phiName_;
}

//— Return the name of the density field

const word& rhoName () const
{

return rhoName_;
}

//— Return reference to the
word& rhoName ()

density field

field

{ return rhoName_;
}
//— Return the radius of the branch zero (parent)
scalar LO() const
{
return LO_;
}
//— Return reference to the radius of the branch zero (parent)
scalar& LO()
{
return LO_;
}
//— Return the Homothety coefficient for the length
scalar alphal() const
{
return alphal_;
}
//— Return reference to the Homothety coefficient for the length
scalar& alphal ()
{
return alphal_;
}
//— Return the Homothety coefficient for the radius
scalar alpha2() const
{
return alpha2_;
}
//— Return reference to the Homothety coefficient for the radius
scalar& alpha2()
{
return alpha2_;
}
//— Return the Homothety coefficient for the volumetric flow rate
scalar alpha3 () const
{
return alpha3_;
}
//— Return reference to the Homothety coefficient for
// the volumetric flow rate
scalar& alpha3 ()
{
return alpha3_;
}
//— Return the Dynamic viscosity
// (as a non—dimensional scalar) at the branch zero (parent)
scalar nuO() const
return nuO-;
}
//— Return reference to the Dynamic viscosity
// (as a non—dimensional scalar) at the branch zero (parent)

scalar& nu0()
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{
}

return nuO_;
//— Return the number of missing generations
scalar N() const

return N_;

}

//— Return reference to the number of missing generations

scalar& N()

return N_;

}

//— Return the reference pressure
const scalarField& pRef() const

{
}

return pRef_;

//— Return reference to the reference pressure to allow adjustment

scalarField& pRef()
{

}

return pRef_;

//— Return the radius of the branch zero (parent)
scalar r0() const

{
}

return r0_;

//— Return reference to the radius of the branch zero (parent)

scalar& r0 ()
{

}

return rO_;

//— Return the factor for new pressure
scalar factorPp () const

{
}

return factorP_;

//— Return reference to the factor for new pressure
scalar& factorPp ()

{
}

return factorP_;

// Mapping functions

//— Map (and resize as needed) from self given a mapping object

virtual void autoMap

(
)3

const fvPatchFieldMapper&

//— Reverse map the given fvPatchField onto this fvPatchField

virtual void rmap

(
const fvPatchScalarField&,
const labelList&

)

// Evaluation functions

//

// //— Evaluate the ”zero” branch (parent) resistant
void calculateFactor
(
)i

//— Calculate the area of the patch
void getPatchArea

(

)5

//— Calculate the area of the patch
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void correctRadius

(
)3

//— Get viscosity value from main database
void getViscosityValue

(
)3

//— Update the coefficients associated with the patch field

// using the given patch total pressure and velocity fields
virtual void updateCoeffs

(

const scalarField& pRefp,
const vectorField& Up,
const scalar& factorPp

)
//— Update the coefficients associated with the patch field
virtual void updateCoeffs ();

//— Write

virtual void write (Ostream&) const;
}s
[/ % ok ok ok ok sk ok ok ok ok ok ok ok ko ok ok k k ok ok ok ok ok sk ok ok ok ok ok ok ok ok ok ok ok x % //
} // End namespace Foam
[/ x ok & ok ok ok ok ok ok ok ok ok ok ok ok ok ok sk ok ok ok ok ok ok ok ok ok ok ok ok ok ok ok ok k x x [/
#endif

[/ ok ok sk ok sk sk ok sk ok sk sk ok sk ok ok sk sk ok ok sk ok ok ok K ok sk ok sk ok ok ok o ok ok K ok ok oK ok o ok ok K ok ok oK ok o ok ok K ok ok ok ok o ok ok ok sk Kok sk Rk ok ok ok ok k ok / /

A.2. pressureBetaAirwaysModel
A.2.1. pressureBetaAirwaysModel.C

E—— |
\\ / F ield | OpenFOAM: The Open Source CFD Toolbox

\\ / O peration |
\\ / A nd | Copyright (C) 2011 OpenFOAM Foundation

\\/ M anipulation |

License
This file is part of OpenFOAM.

OpenFOAM is free software: you can redistribute it and/or modify it
under the terms of the GNU General Public License as published by
the Free Software Foundation, either version 3 of the License, or
(at your option) any later version.

OpenFOAM is distributed in the hope that it will be useful, but WITHOUT
ANY WARRANTY; without even the implied warranty of MERCHANTABILITY or
FITNESS FOR A PARTICULAR PURPOSE. See the GNU General Public License
for more details.

You should have received a copy of the GNU General Public License
along with OpenFOAM. If not, see <http://www.gnu.org/licenses/>.

\ /

#include ”pressureBetaAirwaysModelFvPatchScalarField .H”
#include ”"addToRunTimeSelectionTable .H”

#include ”fvPatchFieldMapper.H”

#include ”volFields .H”

#include ”surfaceFields .H”

#include "mathematicalConstants.H”

#define PI_ constant:: mathematical:: pi
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// % % % x % % x % % % x * % x *x % Constructors ® ok ok ok ok ok ok ok ok ok ok ok ok x [/

Foam:: pressureBetaAirwaysModelFvPatchScalarField ::
pressureBetaAirwaysModelFvPatchScalarField

(
const fvPatch& p,
const DimensionedField<scalar , volMesh>& iF

)
fixedValueFvPatchScalarField (p, iF),
UName_("U”),
phiName_(” none” ),
rhoName_(” none” ),
beta_(0.0),
alpha2_(0.0),
alpha3_(0.0),
nu0-(0.0),
N-(0.0),
pRef_(p.size (), 0.0),
r0_(1.0),
factorP_(0.0),
isFactorOK_(false),
patchArea_(0.0),
nNonOrthCorr_(0) ,
nThisCorrections-(0)

{3

Foam:: pressureBetaAirwaysModelFvPatchScalarField ::
pressureBetaAirwaysModelFvPatchScalarField

(
const fvPatch& p,
const DimensionedField<scalar , volMesh>& iF ,
const dictionary& dict

)
fixedValueFvPatchScalarField (p, iF),
UName_(dict .lookupOrDefault<word>("U”, "U”)),
phiName_(dict.lookupOrDefault<word>("phi”, ”phi”)),
rhoName_(dict.lookupOrDefault<word>("rho”, ”"none”)),
beta_(readScalar (dict.lookup(” beta”))),
alpha2_(readScalar (dict.lookup(” alpha2”))),
alpha3_(readScalar (dict.lookup(”alpha3”))),
nu0-(0.0),
N_(readScalar (dict.lookup(”N”))),
pRef_(” pRef”, dict, p.size()),
r0-(0.0),
factorP_(0.0),
isFactorOK_(false),
patchArea_(0.0),
nNonOrthCorr_(0) ,
nThisCorrections-(0)

{

//— Calculating initial value of pressure for the patch
if (dict.found(” value”))

{

fvPatchField<scalar >::operator=

(

scalarField (” value”, dict, p.size())

)
}
else

fvPatchField<scalar >::operator=(pRef_);
}
//— Correct the values of area and radius
Info<< nl << ” Executing getPatchArea for patch : "<< this—>patch ().name() <<
getPatchArea ();
Info<<”Executing correctRadius for patch : "<< this—>patch().name() << endl;

correctRadius ();

//— Get the multiplication factor of the tree
if (!isFactorOK.)

Info<< ”Executing calculateFactor for patch : ” << this—>patch ().name() << nl <<

calculateFactor ();
isFactorOK_. = true;

endl;
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Foam:: pressureBetaAirwaysModelFvPatchScalarField ::
pressureBetaAirwaysModelFvPatchScalarField

(
const pressureBetaAirwaysModelFvPatchScalarField& ptf,
const fvPatch& p,
const DimensionedField<scalar , volMesh>& iF ,
const fvPatchFieldMapper& mapper

)
fixedValueFvPatchScalarField (ptf, p, iF, mapper),
UName_( ptf.UName._) ,
phiName_( ptf.phiName_),
rhoName_( ptf.rhoName.),
beta_(ptf.beta-),
alpha2_(ptf.alpha2_),
alpha3_(ptf.alpha3._),
nuO_(ptf.nul_),
N_(ptf.N_),
pRef_(ptf.pRef_, mapper),
rO_(ptf.r0-),
factorP_(ptf.factorP_),
isFactorOK_(ptf.isFactorOK.),
patchArea_(ptf.patchArea_),
nNonOrthCorr_(ptf.nNonOrthCorr_),
nThisCorrections-(ptf.nNonOrthCorr_)

{3

Foam:: pressureBetaAirwaysModelFvPatchScalarField ::
pressureBetaAirwaysModelFvPatchScalarField

(
const pressureBetaAirwaysModelFvPatchScalarField& tppsf
)
fixedValueFvPatchScalarField (tppsf),
UName_( tppsf.UName._) ,
phiName_(tppsf.phiName_),
rhoName_(tppsf.rhoName.),
beta_(tppsf.beta_),
alpha2_(tppsf.alpha2_),
alpha3_(tppsf.alpha3._),
nuO_(tppsf.nul_),
N_(tppsf.N_),
pRef_(tppsf.pRef_),
rO-(tppsf.r0_),
factorP_(tppsf.factorP_),
isFactorOK_(tppsf.isFactorOK.),
patchArea_(tppsf.patchArea_),
nNonOrthCorr_(tppsf.nNonOrthCorr.),
nThisCorrections_(tppsf.nNonOrthCorr_)
{}

Foam:: pressureBetaAirwaysModelFvPatchScalarField ::
pressureBetaAirwaysModelFvPatchScalarField

(
const pressureBetaAirwaysModelFvPatchScalarField& tppsf,
const DimensionedField<scalar , volMesh>& iF
)
fixedValueFvPatchScalarField (tppsf, iF),
UName_( tppsf.UName._) ,
phiName_(tppsf.phiName_),
rhoName_(tppsf.rhoName.),
beta_(tppsf.beta_),
alpha2_(tppsf.alpha2_),
alpha3_(tppsf.alpha3_),
nuO_(tppsf.nul._),
N_(tppsf.N_),
pRef_(tppsf.pRef_),
rO-(tppsf.r0_),
factorP_(tppsf.factorP_),
isFactorOK_(tppsf.isFactorOK.),
patchArea_(tppsf.patchArea_),
nNonOrthCorr_(tppsf.nNonOrthCorr.),
nThisCorrections_(tppsf.nNonOrthCorr.)
{}

/] * % % x % % x % % % x % % % x Member Functions s ok ok ok ok ok ok ok ok ox ok ok x [/
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void Foam:: pressureBetaAirwaysModelFvPatchScalarField ::autoMap

(
const fvPatchFieldMapper& m
)
{
fixedValueFvPatchScalarField :: autoMap (m);
pRef_.autoMap (m);
}
void Foam:: pressureBetaAirwaysModelFvPatchScalarField ::rmap
(
const fvPatchScalarField& ptf,
const labelList& addr
)
{
fixedValueFvPatchScalarField ::rmap(ptf, addr);
const pressureBetaAirwaysModelFvPatchScalarField& tiptf =
refCast<const pressureBetaAirwaysModelFvPatchScalarField >(ptf);
pRef_.rmap(tiptf.pRef_, addr);
}
void Foam:: pressureBetaAirwaysModelFvPatchScalarField :: getPatchArea
(
)
{
scalar patchArea = gSum( patch ().magSf() );
reduce (patchArea, sumOp<scalar >());
patchArea. = patchArea ;
Info<< ”The calculated area is ” << patchArea_ << endl;
}
void Foam:: pressureBetaAirwaysModelFvPatchScalarField :: correctRadius
(
)
{
if ( patchArea. < SMALL )
r0. = 2.0*SMALL;
}
else
{
r0- = sqrt(patchArea_/PI_);
Info<< ”The calculated radius is 7 << r0. << endl;
}
}
void Foam:: pressureBetaAirwaysModelFvPatchScalarField :: getViscosityValue
(
)
{
const dictionary& transportProperties. =
this—>db (). objectRegistry :: lookupObject<IOdictionary >("transportProperties”);
dimensionedScalar dimensionedNu. = transportProperties_.lookup(”nu”, 0.0);
nuO_. = dimensionedNu_.value () ;
}
void Foam:: pressureBetaAirwaysModelFvPatchScalarField :: calculateFactor
(
)
{
factorP_. = (16.0 * beta- )/(PI- * pow(r0-,3)) =
(alpha3_% pow(alpha2_,—3.0xN_) * (pow(alpha2_,3.0xN_)—pow(alpha3_,N_)))/(pow(alpha2_,3)—alpha3_);
Info<< ”"The calculated factorP is ? << factorP. << endl;
}
void Foam:: pressureBetaAirwaysModelFvPatchScalarField :: updateCoeffs
(
const scalarField& pRefp,
const vectorField& Up,
const scalar& factorPp
)
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if (this—>updated())

{
}s

if (!isFactorOK.)

return ;

calculateFactor ();
isFactorOK_ = true;

}

getViscosityValue ();

== "none” && rhoName. == ”none”

if (phiName.
scalar patchFlux = sum( patch().Sf() & Up );

reduce (patchFlux, sumOp<scalar >());

Info<< ”The calculated patch flux is ” << patchFlux << endl;

operator==( factorPp * nuO. x patchFlux 4+ pRefp );

¥
else if (rhoName. == "none”
{
const fvsPatchField<scalar>& phip =
patch ().lookupPatchField<surfaceScalarField , scalar >(phiName_.);
scalar patchFlux = gSum( phip );
reduce (patchFlux , sumOp<scalar >());
Info<< ”The calculated patch flux is ” << patchFlux << endl;
operator==( factorPp * nuO. x patchFlux + pRefp );
¥
else
{
FatalErrorIn
(
”pressureBetaAirwaysModelFvPatchScalarField :: updateCoeffs ()”
) << ” rtho or phi set inconsistently , rho = ” << rhoName_
<< 7, phi =7 << phiName. << ”7.\n”
<< 7 Set either rho or psi or neither depending on the ”
”definition of total pressure.” << nl
<< Set the unused variable(s) to ’none’.\n”
<< 7 on patch 7 << this—>patch ().name()
<< 7 of field ” << this—>dimensionedInternalField ().name/()
<< ” in file 7 << this—>dimensionedInternalField ().objectPath ()
<< exit(FatalError);
¥
fixedValueFvPatchScalarField :: updateCoeffs ();
}
void Foam:: pressureBetaAirwaysModelFvPatchScalarField :: updateCoeffs ()
{
updateCoeffs
(
pRef (),
patch ().lookupPatchField<volVectorField , vector >(UName()),
factorPp ()
)s
¥

void Foam:: pressureBetaAirwaysModelFvPatchScalarField :: const

{

write (Ostream& os)

fvPatchScalarField :: write (os);

writeEntryIfDifferent <word>(os, ”U”, ”U”, UName.);
writeEntryIfDifferent <word>(os, ”phi”, ”phi”, phiName._);
writeEntryIfDifferent <word>(os, ”rho”, ”"rho”, rhoName.);

os.writeKeyword (” beta”) << beta. << token ::ENDSTATEMENT << nl;

os.writeKeyword (” alpha2”) << alpha2_ << token
os.writeKeyword (” alpha3”) << alpha3_. << token
os.writeKeyword ("nu0”) << nu0O. << token

: : END.STATEMENT << nl;
: : END.STATEMENT << nl;

: : END_STATEMENT << nl;
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os.writeKeyword ("N”) << N_. << token
pRef_. writeEntry (” pRef”,

writeEntry (7

value”, os);

0s);

: : END.STATEMENT << nl;

[/ % ok ok ok k k ok ok ok ok ok ok k k ok k ok ok ok ok ok ok ok ok ok ok ok ok ok ok ok kK ok kK //
namespace Foam
{
makePatchTypeField
(
fvPatchScalarField ,
pressureBetaAirwaysModelFvPatchScalarField
)
¥
[/ ok ok sk ok ok ok sk ok ok ok ok ok ok o ok o ok ok ok oK ok ok o ok ok ok oK oK oK o ok K oK K oK oK o ok K ok oK KoK K ok K oK K KK KoK Rk R KR KR Rk Rk Rk ok ok k Rk k[ /
-
A.2.2. pressureBetaAirwaysModel.H
/ \
\
\\ / F ield | OpenFOAM: The Open Source CFD Toolbox
\\ / O peration |
\\ / A nd | Copyright (C) 2011—2012 OpenFOAM Foundation
\\/ M anipulation |
License
This file is part of OpenFOAM.
OpenFOAM is free software: you can redistribute it and/or modify it
under the terms of the GNU General Public License as published by
the Free Software Foundation, either version 3 of the License, or
(at your option) any later version.
OpenFOAM is distributed in the hope that it will be useful, but WITHOUT
ANY WARRANTY; without even the implied warranty of MERCHANTABILITY or
FITNESS FOR A PARTICULAR PURPOSE. See the GNU General Public License
for more details.
You should have received a copy of the GNU General Public License
along with OpenFOAM. If not, see <http://www.gnu.org/licenses/>.
Class
Foam:: pressureBetaAirwaysModelFvPatchScalarField
Group

grplnletBoundaryConditions

Description

grpOutletBoundaryConditions

This boundary condition provides a value of pressure for

symmetrical

airways model

based on HOMOTHETY coeficients

RADIUS and VLOUMETRIC FLOW

\heading Patch usage

\table
Property
U
phi
rho
beta
alpha2
alpha3
N
pref
\endtable

Description

velocity field name

flux field name
fluid density

diameter relation

Homothety radius factor
Homothety Vol flow factor

Number

\
\
\
|
| Lenght/
\
\
\
| static

of missing generation
pressure reference

Example of the boundary condition specification:

\verbatim

myPatch

{
type
U
phi
rho
beta
alpha2

pressureBetaAirwaysModel;

U
phi;
none;
6;
0.8;

a bifurcated
for LENGTH,

Required
yes

yes

no

yes

yes

yes

yes

no

Default value
U

phi

rho

alphal

alpha2

alpha3

N

0
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alpha3 0.5;
N 10;
pRef 0;

\endverbatim

Note
The default boundary behaviour is for subsonic, incompressible flow.
ok K ok ok ok K oK ok ok K K oK ok ok K K K oK ok K K oK ok ok K K K K K K K K

SeeAlso
Foam:: fixedValueFvPatchField
Boundary condition heavily based on the totalPressure BC

SourceFiles
pressureBetaAirwaysModelFvPatchScalarField .C

\ /

#ifndef pressureBetaAirwaysModelFvPatchScalarField-H
#define pressureBetaAirwaysModelFvPatchScalarField-H

#include ”fixedValueFvPatchFields.H”
[/ ok ok ok ok ok sk k k ok kxR ok sk ok ok sk ok ok ok ko ok ok sk ko k kxR ok ok ok ok ok x x [/

namespace Foam

{

fe——— S S S : e\
Class pressureBetaAirwaysModelFvPatchScalarField Declaration

\ /

class pressureBetaAirwaysModelFvPatchScalarField
public fixedValueFvPatchScalarField
// Private data

//— Name of the velocity field
word UName_;

//— Name of the flux transporting the field
word phiName_;

//— Name of the density field used to normalise the mass flux
word rhoName_;

//— Lentgth — Diameter ratio
scalar beta_;

//— Homothety coefficient for radius
scalar alpha2_;

//— Homothety coefficient for volumetric flow rate
scalar alpha3_;

//— Dynamic viscosity at the Zero generation of the tree
scalar nuO_;

//— Number of missing generations for this patch or partial tree
scalar N_;

//— Reference pressure at the end of the branchial tree
scalarField pRef_;

//— Reference radius at the Zero generation of the tree
scalar rO_;

//— new pressure calculated by formula
scalar factorP_;

//— Boolean to check if factor has been calculated yet or not.
bool isFactorOK_j;

//— Scalar with the value of the area of the patch
scalar patchArea_;

//— number of non Orthogonal correctors
int nNonOrthCorr_;
int nThisCorrections_;



A.2 pressureBetaAirwaysModel 105

//— Boolean to check if the BC has already been calculated, in a time step
public:

//— Runtime type information
TypeName (” pressureBetaAirwaysModel”);

// Constructors

//— Construct from patch and internal field
pressureBetaAirwaysModelFvPatchScalarField
(

const fvPatch&,

const DimensionedField<scalar , volMesh>&

)3

//— Construct from patch, internal field and dictionary
pressureBetaAirwaysModelFvPatchScalarField
(

const fvPatché&,

const DimensionedField<scalar , volMesh>&,

const dictionary&

)3

//— Construct by mapping given a
// pressureBetaAirwaysModelFvPatchScalarField
// ~onto a new patch
pressureBetaAirwaysModelFvPatchScalarField
(
const pressureBetaAirwaysModelFvPatchScalarField&,
const fvPatch&,
const DimensionedField<scalar , volMesh>&,
const fvPatchFieldMapper&
)5

//— Construct as copy
pressureBetaAirwaysModelFvPatchScalarField

(
)s

const pressureBetaAirwaysModelFvPatchScalarField&

//— Construct and return a clone
virtual tmp<fvPatchScalarField> clone () const

{

return tmp<fvPatchScalarField >

(
)5

new pressureBetaAirwaysModelFvPatchScalarField (*this)

}

//— Construct as copy setting internal field reference
pressureBetaAirwaysModelFvPatchScalarField
(
const pressureBetaAirwaysModelFvPatchScalarField&,
const DimensionedField<scalar , volMesh>&

)3

//— Construct and return a clone setting internal field reference
virtual tmp<fvPatchScalarField> clone

(
const DimensionedField<scalar , volMesh>& iF
) const

{

return tmp<fvPatchScalarField>

(
)5

new pressureBetaAirwaysModelFvPatchScalarField (xthis , iF)

// Member functions
// Access
//— Return the name of the velocity field
const word& UName() const

{
}

return UName_;
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//— Return reference to the name of the velocity field
// to allow adjustment
word& UName ()

{
}

//— Return the name of the flux field
const word& phiName() const

{
}

return UName._;

return phiName_;

//— Return reference to the name of the flux field
// to allow adjustment
word& phiName ()

{
}

//— Return the name of the density field
const word& rhoName () const

{
}

return phiName_;

return rhoName_;

//— Return reference to the density field
word& rhoName ()

{
}

//— Return the Homothety coefficient for the length
scalar beta () const

{
}

return rhoName_;

return beta_;

//— Return reference to the Homothety coefficient for the length
scalar& beta ()

{
}

return beta_;

//— Return the Homothety coefficient for the radius
scalar alpha2() const

{
}

return alpha2_;

//— Return reference to the Homothety coefficient for the radius
scalar& alpha2()

{
}

return alpha2_;

//— Return the Homothety coefficient for the volumetric flow rate
scalar alpha3 () const

{
}

return alpha3_;

//— Return reference to the Homothety coefficient for
// the volumetric flow rate
scalar& alpha3 ()

{
}

return alpha3_;

//— Return the Dynamic viscosity
// (as a non—dimensional scalar) at the branch zero (parent)
scalar nuO() const

return nuO-;

}

//— Return reference to the Dynamic viscosity
// (as a non—dimensional scalar) at the branch zero (parent)
scalar& nu0()

{
}

return nuO_;



A.2 pressureBetaAirwaysModel

107

//— Return the number of missi
scalar N() const

return N_;

}

ng generations

//— Return reference to the number of missing generations

scalar& N()

return N_;

}

//— Return the reference press

ure

const scalarField& pRef() const

{
}

return pRef_;

//— Return reference to the reference pressure to allow adjustment

scalarField& pRef()
{

}

return pRef_;

//— Return the radius of the branch zero (parent)

scalar r0() const

return r0_;

}

//— Return reference to the radius of the branch zero (parent)

scalar& r0 ()

{
}

return rO_;

//— Return the factor for new
scalar factorPp () const

{
}

return factorP_;

//— Return reference to the f
scalar& factorPp ()

{
}

return factorP_;

// Mapping functions
//— Map (and resize as needed)
virtual void autoMap

(
)5

const fvPatchFieldMapper&

pressure

actor for new pressure

from self given a mapping object

//— Reverse map the given fvPatchField onto this fvPatchField

virtual void rmap

(
const fvPatchScalarField&,
const labelList&

)

// Evaluation functions

//

// //— Evaluate the ”zero” branch
void calculateFactor
(
)i

//— Calculate the area of the
void getPatchArea

(

)

//— Calculate the area of the
void correctRadius

(

)3

(parent) resistant

patch

patch
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//— Get viscosity value from main database
void getViscosityValue

(

)3

//— Update the coefficients associated with the patch field
// using the given patch total pressure and velocity fields
virtual void updateCoeffs

(

const scalarField& pRefp,
const vectorField& Up,
const scalar& factorPp

)
//— Update the coefficients associated with the patch field

virtual void updateCoeffs ();

//— Write

virtual void write (Ostream&) const;
b
[/ ok ok ok ok %k k ok ok ok ok ok ok ok sk kR sk ok ok ok ko ok sk ko k kxR ok ok ok ok ok ox x /]
} // End namespace Foam
[/ % ok ok x k k ok ok ok kxR ok ko ok ok sk ok ok ok ok ok ok sk ok ok ok ok ok ok ok ok ok ok ok x x [/
#endif

[/ ok sk sk sk sk ok ok sk sk sk ok ok ok sk sk sk ok ok oK sk sk sk sk ok ok sk ok sk s K ok ok sk sk o ok oK sk ok ok o oK ok sk ok ok o ok ok ok ok sk o o oK skok ok R R ok sk sk sk R Rk sk sk sk ok / /)
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