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1 Introduction

Breathing in, there is only the present moment.
Breathing out, it is a wonderful moment.

Thich Nhat Hanh

1.1 Motivation

Breathing is fundamental for the survival of living beings by delivering oxy-
gen and removing carbon dioxide. Disturbances caused by diseases or injuries
can lead to serious physiological damages. Respiratory failures in humans are
classified into obstructive and restrictive pulmonary diseases.

1.1.1 Obstructive pulmonary diseases

People with obstructive pulmonary disease often face shortness of breath. An
obstruction, flow limitation, or air "trapped" inside the lungs occurs if an ab-
normally high amount of air remains in the lungs at the end of a full exhalation.
The obstruction becomes worse during activity or exertion, when the rate of
breathing is higher than normal. The main reason for obstruction is damage or
narrowing of the airways. Common obstructive pulmonary diseases are chronic
obstructive pulmonary disease (COPD), asthma, sleep apnea, bronchiectasis,
and cystic fibrosis.
COPD is the most common obstructive pulmonary disease. According to

the World Health Organization (WHO) and the Global Initiative for Chronic
Obstructive Lung Disease, COPD is the cause of about 3 million deaths per
year (2015) and will rank third in the causes of death in 2020 [25,211]. COPD’s
symptoms are coughing and secretion that are usually associated with chronic
bronchitis and pulmonary emphysema [139]. Main causes of airway obstruction
are air contaminants (for example, cigarette smoke or fine dust) that are located
in the lungs and trigger inflammatory processes. COPD worsens with aging.
Lifelong smokers have a 50% probability of developing COPD developed during
their lifetime [106].
Asthma (or bronchial asthma) is the most common chronic disease among

children. It is a chronic, incurable disease caused by hypersensitivity, e.g. by
allergies, which leads to a long-term inflammation and narrowing of the air-
ways. Typical symptoms are wheezing, coughing, shortness of breath, and
increased work of breathing (WOB). While the WHO estimates 334 million
people worldwide to suffer from asthma [1, 141], the International Study of
Asthma and Allergies in Childhood reported that about 14% of the world’s
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1 Introduction

children are likely to have asthmatic symptoms (2014). Since uncontrolled
asthma can damage the airways permanently, it’s crucial to get asthma diag-
nosed and receive treatment as soon as possible.
The common diagnostic tool for COPD and asthma is spirometry [1, 211].

Spirometry is a non-invasive pulmonary function test (PFT) which is helpful in
assessing breathing patterns in the form of flow-volume (FV) loops that iden-
tify abnormal conditions. Results of spirometry tests are volume parameters,
such as forced vital capacity (FVC), or forced expiratory volume in one sec-
ond (FEV1). These indicies are indirect parameters, which means they do not
provide physical characteristics of lung mechanics such as resistance or com-
pliance, but rather give an indicator for the exhaling time and the related flow
limitation. Other pulmonary function tools such as whole-body plethysmogra-
phy, interruption technique, or oscillometry, which measure directly mechanical
parameters of the lungs, have proven their discriminative power in assessing
lung mechanics in clinical studies. However, they are not listed as standardized
PFTs in assessing COPD and asthma.
Also, there are several limitations in standard spirometry. First, it requires

strong patients’ cooperation during the forced expiration maneuver, hence, is
not suited for infants, young children, sleeping patients, or patients with severe
diseases. Second, spirometry and other PFTs are limited to global function of
the lungs, while regional information can be beneficial to assess heterogeneous
changes in diseased lungs and to improve treatment. Both aspects will be
discussed later in this work.

1.1.2 Restrictive pulmonary diseases
Restrictive pulmonary diseases (RLDs) are conditions in which the lungs cannot
be fully filled with air. It is defined as a reduction of total lung capacity (TLC)
below the 5th percentile of the predicted value, while the ratio FEV1/FCV is
preserved [181]. Restrictive diseases are often caused by an increased stiffness
in the lungs, with the restricted area in the lung parenchyma, in the pleu-
ral space, or in the chest wall. Interstitial lung diseases, sarcoidosis, cardio-
genic congestion and edema, acute lung injury and acute respiratory distress
syndrome (ARDS) are typical RLDs. The symptoms vary from cardiogenic
congestion, atelectasis, reduction of lung compliance, impaired gas exchange,
ventilation-perfusion inequality, to severe hypoxia.
The focus of this work is on cardiogenic congestion. It is a condition where

fluid accumulates in the interstitial tissue and alveolar spaces of the lungs as
a result of left ventricular congestive heart failure (CHF). CHF often occurs
in patients with coronary artery diseases, including a previous heart attack
and a left ventricular dysfunction. The reduced pumping capacity of the left

2



1.2 History of respiratory researches

ventricle leads to an elevation of blood pressure in the pulmonary circulation,
a cardiogenic congestion. Severely elevated blood pressure can have serious
consequences in the lungs, including interstitial and alveolar flooding, reduced
compliance, and insufficient gas exchange. Beside pharmacologic treatment
(including nitroglycerin, morphine sulfate, loop diuretics [125]), ventilation
support such as noninvasive positive pressure ventilation (continuous positive
airway pressure CPAP, bilevel positive airway pressure BiPAP) or mechani-
cal ventilation with or without endotracheal intubation [124, 125] are typical
therapies of pulmonary congestion.
From a physiological and technical point of view, the development of car-

diogenic congestion is an interesting phenomenon caused by the interactions
between different processes, namely the respiration, the circulation, and the
fluid balance including lymphatic absorption. Mathematical models describing
functionality of each process have been investigated by many researchers. How-
ever, there is a lack on a mathematical model which focuses on physiological
interactions among these processes, especially during edema development and
the treatment with a positive end-expiratory pressure (PEEP). Development
of such a model is one major issue of this work.

1.2 History of respiratory researches

The first attempt to measure lung volume can be tracked to the Greek physi-
cian Galen (Claudius Gelenus of Pergamo, A.D. 129 – circa 200), as he had
a child breathe in and out a bladder and found that the tidal volume did not
change [208]. Sixteen centuries later, in 1846, an English physician named
John Hutchinson invented the first modern spirometer by turning a gasome-
ter into an instrument to measure the exhaled volume in humans [196]. After
Hutchinson, many versions of spirometer have been introduced, from the first
"pneumotachograph" by Gad J. in 1879, to the "peak flow meter" by Wright
B.M. and McKerrow in 1959. The first standardized guidelines for spirometry
were released by the European Community for Coal and Steel in 1960.
Besides the attempt to measure lung volume, researchers have searched for

mathematical descriptions of the respiratory system since the beginning of the
last century. In 1915, the Rohrer equation was introduced for laminar and
turbulent flow patterns in the respiratory system [178]. Geometrical models
of the bronchial tree were first introduced by Fineisen in 1935 [52], where he
divided the airways into 9 compartments from trachea to alveolar sacs and
investigated three mechanisms of gas transport: inertial impaction, gravity,
and diffusion [216]. In 1963, Weibel introduced a mathematical model of the
bronchial tree with 23 generations of bifurcation [219, 220], which was later
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1 Introduction

modified by Yeh and Schum [226]. The use of body plethysmography to mea-
sure residual lung volume and airway resistance was introduced by Dubois,
Comroe Jr., and their colleagues in 1956 [41, 42]. The methods described in
their two papers are still used today in clinical pulmonary function laboratories.
In the same year, Dubois published another paper on oscillation mechanics on
lungs and chest in human [43], which made him the inventor of the forced os-
cillation technique (FOT). Other important contributions are from Mead and
his coworkers who investigated mathematical models of flow limitation during
forced expiratory maneuvers and interruption technique [127,128,130,131]; and
from Otis [156,157] on frequency dependency of lung parameters.

The rapid development of computer science has brought new possibilities
to model complex biophysical systems. In 1972, Guyton published a com-
prehensive mathematical model of fluid, electrolyte, and circulatory regula-
tion which is capable of simulating a variety of experimental conditions [67].
Guyton’s model demonstrated the use of compartment modeling with lumped
parameters to simulate complex physical and physiological interactions be-
tween systems. Later, Rideout’s work on computer modeling of physiological
systems produced a sophisticated model of human physiology implemented in
Fortran [174], where he included a model of lung mechanics to describe the pul-
monary gas exchange in humans. In 2001, Lu et al. introduced a comprehensive
model of cardiopulmonary interactions applied to analysis of the Valsalva ma-
neuver [117]. Jallon et al. introduced a model of the cardiopulmonary system
(CPS) in which the respiratory muscles were modeled by a central respiratory
pattern generator [89]. Recently in 2016, the group of Chbat et al. developed
a comprehensive model of the CPS that emphasized on the interaction be-
tween the respiratory and cardiovascular systems via thorax pressure and gas
exchange [3,29]. The mentioned models were implemented in the signal-based
or text-based programming languages (Matlab Simulink, Fortran, C++).

1997, Elmqvist introduced the object-oriented modeling language (OOML)
Modelica™ to model physical systems [46]. Later in the same year, the com-
mercial version Dymola was released. Eleven years later, Mathworks intro-
duced the first Simscape™ version in their R2008a+ product. These modeling
languages have widely found applications in mechanical, electrical, hydraulic,
and thermal domains. However, while OOMLs have gained increasing atten-
tion in modeling complex, interconnected biophysical systems, the number of
publications in this field are moderate. Few existing object-oriented biophysical
models focus on the cardiovascular system [7,24,36,77]. The use of OOML for
the investigation of respiratory mechanics and cardiopulmonary interactions is
a novel scientific contribution of this research.
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1.3 Methodology of mathematical modeling of biomedical systems

1.3 Methodology of mathematical modeling of biomedical
systems

Mathematical models have been developed to formalize existing knowledge of
complex natural processes in medicine and physiology. With the help of modern
computers, mathematical and computing models are used more and more in
biomedical research. They provide several advantages: (1) system abstraction
for explaining and understanding, (2) system simplification by focusing on
certain aspects, (3) testing possibilities via computer simulations [9]. The
third has been becoming more important regarding the rapid development
of computer technology and simulation tools. Instead of setting up complex
biomedical experiments or animal trials, various scenarios can be tested with
a computer model.
Biologists and medical doctors are familiar with a-priori knowledge of com-

plex biomedical systems, even to the certain degree of precision. However,
since their conceptual models do not often contain much mathematics, they
may face difficulties in abstracting the problem into a mathematical / biophys-
ical model. This is the job of the system engineer to connect the problem with
his knowledge in physics, system dynamics, and control theory. In most of the
cases, he will soon find that the available knowledges are incomplete, many
interrelationships are unknown, and a large number of parameters are not as-
sessable. Regarding the a-priori knowledge he has and the complexity of the
problem, he may choose the forward or the inverse modeling approach [9, 16].

1.3.1 Forward modeling
The creation of a forward, or "white box" model, requires the entire knowledge
of the process, which means high certainty of the model structure, and high
accessibility of the model parameters. Often, a-priori information comes in the
form of mathematical/physical relations between the variables, such as first
principles like conservation of mass, electrical charge, or motion equations. In
industrial production, white box models are common, since parameters of a
designed product (such as a batch process, a robot arm, or a vehicle) are often
known and constant.
Biomedical systems are especially complex and often require individualiza-

tion, as parameters vary. The parameters of such a complex system like the
human lungs differ strongly with respect to age, height, weight, health status,
temporal stress level or sport activities. Even the applied measurement tech-
niques can have an impact on the parameter values. Hence, forward modeling
of such systems does not focus on any individual, but rather on a "standard"
subject or object to demonstrate the systematical coherence among the com-
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1 Introduction

ponents. Forward models usually use as much as a-priori knowledge as possible
to make the model more accurate, hence, can include many details. For exam-
ple, the Weibel’s model [219] calculates the length, diameter, and volume of
23 generations of airways in the human bronchial tree. His model provides a
physiological understanding of the system dimension, but cannot be applied to
any individual treatment, since the parameters are not measurable for a living
human. For that reason, a biophysical forward model may not be used for
an individual, but rather as a tool for investigation of biomedical hypotheses
which are difficult or impossible to be tested experimentally.
Forward models are often implemented in a computer programming lan-

guage. Its validation is the computer simulation, where dynamical responses
of the system on a certain set of inputs and model parameters are estimated
via a simulation environment. Comparing these simulation results with a-priori
knowledge, the assumptions on the structures and dynamics of the model com-
ponents can be validated.

1.3.2 Inverse modeling
Inverse modeling, or system identification, is the process of constructing a
model and identifying its parameters from experimental data. The term "black
box" model is used if no a-priori knowledge about the system is available. Iden-
tification methods applied for input and output data can provide characteristics
of the system such as impulse or frequency responses. However, black box mod-
eling requires strong simplification and is limited to the input-output behavior
of small systems. For biomedical processes, another approach, so called "grey
box" model, appears to be more useful. Grey box modeling combines the ad-
vantages of white and black box modeling. It applies model structures, whose
propriety has been proven in a forward model, on a set of measurement data.
The parameters are tuned and evaluated by making the model to predict the
outputs as precisely as possible. This procedure, called "parameter estima-
tion", is especially useful for monitoring physiological parameters that are not
directly measurable in praxis [9].
Inverse models often present a reduction of more complicated forward mod-

els. During the modeling process, since the amount of identifiable parameters
is limited regarding the applied measurement techniques, the modeler has to
decide which model components are important and which can be ignored. For
the respiratory system, on the one hand, it is obvious that the identification of
all parameters of the 23-generation Weibel model is not possible; on the other
hand, the widely used two-element RC lung model seems to be too simple
to describe advanced respiratory mechanics and pathological conditions. An
increase from 2 to 4-9 model components requires careful consideration regard-
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1.4 Objectives of the research

ing parameter identifiability and physiological interpretation of the estimated
values.
The validation of the estimated parameters appears to be a problem in lung

mechanics research. Validation of an inverse model contains two tasks, which
can be called a forward validation (error of estimation) and a backward val-
idation (physiological interpretation). The first task computes the error of
estimation by comparing model and experimental data. If the error is small
enough, the model can be judged "acceptable". If the model fails to follow the
measurement data, a better (often more complicated) structure is needed [9].
By including more parameters in the model, we also increase the degree of
freedom of the identification algorithm, i.e. allow the model to fit the data eas-
ier. The more parameters are used, the smaller the error becomes. However,
the uncertainty of parameter interpretation increases, since non-linear relations
between model components can lead to unphysiological extrema. The second
task, called physiological interpretation or backward validation, judges the con-
sistency of the estimated results against a priori knowledge. In other words, it
examines if the estimated values lie in physiological ranges. If this is not the
case, the estimated extrema should be considered as mathematical, but not
physiological extrema. Problems occur if there is no measurement technique
or literature report for certain parameters. For such parameters, a combina-
tion of forward model simulation and system identification for various testing
scenarios (change of model input or diseases-related alteration, influences of
other parameters, etc...) can provide more validity of the model assumptions.

1.4 Objectives of the research

The ultimate goals of this research are

1. to develop a biophysical forward model of the respiratory system. The
models should consider, as much as possible, all significant non-linear
behaviors of lung mechanics,

2. to apply the forward model for reevaluation of existing theories and mea-
surement techniques in lung mechanics. If possible, model’s behavior
should give adequate, quantitative explanations for current controversial
discussion in this field,

3. to perform inverse modeling with parameter estimation algorithms. Model-
based analysis should clarify the identifiability of model components re-
garding the use of different measurement techniques,

7
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4. to extend the forward lung model to a comprehensive cardiopulmonary
model for analysis of cardiopulmonary interactions and cardiogenic con-
gestion. The model should be validated by comparing simulation results
with clinical data and animal experiments in literature, and

5. to introduce new measurement modalities for assessing global and re-
gional respiratory mechanics with respects to cardiopulmonary diseases.

1.5 Organization of this book

Chapter 2 introduces the backgrounds of this research. First, it provides the
anatomical and physiological background of the respiratory and cardiovascular
systems. Second, it gives an overview on the state-of-the-art methods in pul-
monary function testing. Third, three technologies related to this research: the
mechanical ventilation, the electrical impedance tomography, and the object-
oriented modeling are briefly discussed.
Chapter 3 introduces a novel non-linear object-oriented respiratory model.

Model development consists of compartmentalization, characterization of model
components, and validation. The model is demonstrated to be useful in the
reevaluation of the interrupter technique.
Parameter identification in the frequency domain with data obtained via

forced oscillation technique (FOT) is the topic of Chapter 4. Model-based
analysis aims to provide an explanation of controversial theories regarding the
physiological interpretation of the respiratory impedance and to abstract a
model hierarchy. This chapter also discusses the possibility to extend FOT for
additional diagnostic information.
Chapter 5 focuses on the modeling of the cardiovascular system, cardiopul-

monary interaction, and cardiogenic congestion. The novel models of cardiopul-
monary interaction are validated by comparing model’s responses with clinical
and animal data.
In chapter 6, new measurement modalities for assessing global and regional

pulmonary function by combining electrical impedance tomography with exist-
ing testing methods are introduced. The new techniques are tested in studies
involving healthy and diseased patients.
The main findings of this research are summarized in chapter 7, followed by

an outlook on future scientific contributions and applications of the work.
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2 Fundamentals

As you breathe in, cherish yourself.
As you breathe out, cherish all Beings.

Dalai Lama XIV

This chapter is intended to convey the knowledge necessary to conveniently
follow the upcoming chapters. Therefore, it provides the physiological and
technical fundamentals related to the research. First, it gives an overview of
the anatomy and physiology of the cardiorespiratory system. Second, diverse
techniques for pulmonary function diagnostics are introduced. In addition,
technical basics of mechanical ventilation, electrical impedance tomography,
and the object-oriented programming language Simscape™ are explained.

2.1 Physiological background

2.1.1 Physiology of the respiratory tract
The structure of the human respiratory system has evolved to suit uniquely its
functionality. The system consists of the upper respiratory tract, the bronchial
tree, the alveolar and tissue compartment, the pleural space, the chest wall,
and the respiratory muscles (Fig. 2.1). Each component plays an essential
role in maintaining the transport of gas from the airway opening to the alveo-
lar–capillary barrier.

Spheiod
sinus

Auditory
tube

Frontal
sinus

Nasopharynx

Uvula

Palatine
tonsil

Pharynx

Epiglottis

Glottis

Vocal cord

Larynx

Trachea

Esophagus

Oral
cavity

Hard
palate

Soft
palate

pleural space

ribs

diaphragm

nasal cavity

bronchus

larynx

lung

Figure 2.1: Anatomy of the respiratory system (left) and the upper airways
(right).
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2 Fundamentals

The upper respiratory tract

In nasal breathing, air flows from the environment through the nostrils to the
nasal cavities, where it later passes the internal nasal valves. The valves open
up into the main cavity, where three curled bony structures, the nasal conchae,
are located on its lateral wall. The curved structure of the conchae increases
the surface area of the nasal walls, thus aiding in heating, humidifying, and
filtering of the air. Tiny particles in the air are trapped in nasal mucus, which
covers the surface of the nasal cavities. The olfactory cells are situated above
the conchae in the main cavity and serve as the sensory organ responsible for
smelling. Two nasal cavities join at the nasopharynx, which merges with the
oral cavity at the pharynx (Fig. 2.1).
In mouth breathing, air enters the oropharynx directly through the mouth

and bypasses the nasal cavities. Further downstream, air reaches the laryn-
gopharynx which is the junction of the trachea and the esophagus. The glottis
and the larynx, situated at the entrance of the trachea, mark the border be-
tween the upper respiratory tract and the bronchial tree.

The bronchial tree

The human bronchi network has an anatomic structure with branches resem-
bling a tree. Each bifurcation level is called a generation. The bronchial tree
has approximately 23-26 generations [38, 71, 220]. Generation 0, the trachea,
is a thin-walled tube, about 10cm in length and 2.5cm in diameter, extends
from the larynx into the thorax and divides into the left and right principal
(primary) bronchi at the level of the sternal angle (Fig. 2.2). The right princi-
pal bronchus divides into two lobar (secondary) bronchi corresponding to two
right lung lobes, while three left lobar bronchi connect to three left lung lobes.

The lobar bronchi, in turn, divide into tertiary and quaternary bronchi, then
bronchioles and terminal bronchioles. The trachea and the large bronchi (gen-
eration 1-4) have the same wall structure of three layers: mucosa, submucosa,
and adventitia. The submucosa contains cartilage rings, which stabilize their
diameters for large changes of transmural pressures. In contrast, the bronchi-
oles (generation 5-16) are intralobular airways with a diameter of 0.5− 5mm
which are lined by respiratory epithelium without any cartilage wall structure.
Each terminal bronchiole is connected to two or three respiratory bronchioles,
which are rich in elastic fibers. The walls of the respiratory bronchioles are
interrupted by the alveolar sacs and alveolar ducts.
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Figure 2.2: The bronchial tree (left) and the alveoli (right).
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Figure 2.3: Left: Generations of the bronchial tree. Right: Airway resistance
regarding the generation number, modified from [219] and [205].

Alveoli and the blood-gas-barrier

The last generations of the bronchial tree form the respiratory zone of the lungs.
Generations 17, 18, and 19 constitute the respiratory bronchioles. Generations
20-23, comprising of alveolar ducts and sacs, are the main region where gas
exchange occurs. Alveoli are minimal hollow cavities branching from either
alveolar ducts or sacs. There are approximately 300-500 million alveoli inside
of human lungs. They are found in the lung parenchyma, surrounded by con-
nective tissue and a high number of blood capillaries. Most of the air-facing
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2 Fundamentals

surfaces of the alveoli are lined by one-cell-thick layer of type I alveolar cells.
Located between these cells are type II cells that produce a substance called
"surfactant" necessary for reduction of alveolar surface tension [225].
The gas exchange takes place in the alveolar wall through the blood-gas

barrier. The alveolar walls, less than a third of a micron thin in some places,
are surrounded by many thin blood capillaries. The oxygen-depleted blood
arriving through these capillaries is refilled with O2 and discharged of CO2 via
diffusion through the thin tissue layer. The driving force for this diffusion is
given by the gas concentration gradients. The volume of gas passing through
a tissue sheet by diffusion follows Fick’s law:

−→̇
V = AK

d
·
−−→
∆P , (2.1)

whereA is the sectional area, d the sheet thickness, ∆P the pressure gradient, V̇
the gas flow andK the diffusion coefficient depending on the element considered
(O2,CO2,N2).
The gas exchange is optimized for an important area and a small thickness

layer. The 300-500 millions of alveoli represents a total gas exchange area of
about 50m2 [222]. The gas exchange area and the alveolar wall thickness are
two key parameters which maintain the efficiency of the gas exchange.

Chest wall, pleural, and respiratory muscles

ExhalationInhalation

Figure 2.4: Location of the diaphragm and the
ribs during inhalation and exhalation.

Ventilation is a mechani-
cal process which includes
the inhalation and exhala-
tion of air in and out of the
lungs, respectively. Breath-
ing is driven by the respira-
tory muscles, namely the di-
aphragm, the rib muscles as
well as the abdominal mus-
cles. In daily life, ventila-
tion is spontaneous and al-
most unconscious. The mus-
cles contract and release in-
stinctively with a frequency
depending on individuals age and physical condition, about 16 respiratory cy-
cles per minute on average [206]. During exercise, this rate accelerates to
balance the increasing energy consumption of the cells. Although respiration
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2.1 Physiological background

is mostly spontaneous, it is possible to control the driving muscles and thus
our breathing rate and amplitude with some effort.
The diaphragm is located under the pulmonary compartments and closes the

thorax cage in a convex shape with its highest point at rest position (Fig. 2.4).
The rib muscles resting position corresponds to the functional residual capacity
(FRC) of the lungs. During inspiration, the respiratory muscles contract. The
diaphragm flattens and stretches, while the ribs move out and open the chest
leading to an increased volume available for the lungs. A forced expiration can
be achieved by an additional contraction of the abdominal muscles.

lung compliance

Alveoli

Air

chest
wall

compl.

pleural space muscles

Nose

Airways

Figure 2.5: Technical abstrac-
tion of lungs, chest wall, and pleu-
ral space.

The lungs are located in the thorax cav-
ity. The pleural space is the potential space
located between the parietal and the vis-
ceral pleural. It functions as a mechani-
cal coupling which transfers and regulates
the pressure inside and outside of the lungs
(Fig. 2.5). Since the lungs are only sus-
pended at the hilum from the mediastinum
without any other attachment to the chest
wall, the lungs float in a waterbed created
by the pleural fluid, which is 8− 12mL or
0.3mLkg−1 in volume [135]. The process of
fluid filtration from from the pulmonary cap-
illaries to lung interstitium is normally kept
in equilibrium regarding the Starling equa-
tion [197]. The heart, in turn, is embedded
in the pleural space via the pericardium, a
relatively stiff covering. From the heart, the
pulmonary artery and the aorta lead blood
to the pulmonary and body circulation. Re-
fluxing blood passes back into the heart via
the pulmonary vein and the superior vena cava.

2.1.2 Respiratory mechanics

The contraction of the respiratory muscles causes a decrease in the pleural
pressure (approximately equal to −7.5cmH2O1 during spontaneous inspira-
tion [68]). As a result, the alveolar pressure decreases and air is driven into the
lungs through the upper airways. During passive expiration, the respiratory
muscles relax, and the elastic recoil pressure of the lung presses the air out of

11cmH2O = 98.0665N/m2
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Figure 2.6: Anatomy and technical abstraction of respiratory mechanics.

the lungs. At functional residual capacity (FRC), the pleural pressure Ppl is
slightly negative (about −5cmH2O). This pressure is generated by the oppos-
ing elastic forces of the chest wall and lung between the visceral and parietal
pleura.

Lung volumina

Lung volumes and lung capacities refer to the air volume associated with differ-
ent phases of the respiratory cycle. The total lung capacity (TLC) is defined as
the gas volume in the lungs after a maximal inspiration. The residual volume is
the volume remaining in the lungs after a maximal expiration. The difference
between TLC and the residual volume is called the vital capacity (VC). For a
standard adult male, VC is about 80% of TLC. The functional residual capacity
(FRC) is the gas volume in the lungs after a normal expiration (Fig. 2.6).

Forces involved in breathing and respiratory parameters

Forces involved in breathing were first described by Otis et al. in 1950 [156] and
completed by Mead in 1961 [127]. The respiratory system can be modeled by
three different parts: the thorax, the lungs shaped by the pulmonary tissues
and the gas inside the alveoli and airways. These three components form a
mechanical system whose equilibrium point corresponds to the full respiratory
muscle release and the absence of gas flow at the functional residual capacity
(FRC). The respiratory cycle is driven by the muscles, which overcome op-
posing elastic forces of lung parenchyma to create the displacement from the
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2.1 Physiological background

equilibrium position. Otis, Fenn and Rahn have detailed the forces involved in
the respiratory mechanism in [156]:

• Elasticity: The respiratory system has elastic properties characterized
by the respiratory compliance Crs, defined as the quotient of a volume
change ∆V (t) over the overall transmural pressure change ∆Ptr(t):

Crs = ∆V (t)
∆Ptr(t)

. (2.2)

• Airflow resistance: energy dissipation in the system can be represented
by a resistive component. Airflow in the respiratory tract is defined as a
transition flow with a laminar and turbulent component. More details on
flow patterns are given in Appendix A.2. The restrictive pressure drop
Pres can be expressed as:

Pres =K1V̇ (t) +K2V̇
2(t), (2.3)

where the constants K1 and K2 are the laminar and turbulent compo-
nent, respectively [178]. The flow can be assumed to be laminar during
spontaneous breathing (below a flow rate of 1 L/s) and in the lower air-
ways. In this case, the resistive force can be simplified as

Pres =Rrs · V̇ (t). (2.4)

Typical values for the respiratory resistance and compliance are given in
Table 2.1 as a function of age.

Table 2.1: Typical value of respiratory resistance and compliance [110].
Age Rrs (cmH2O/L/s) Crs (L/cmH2O)
Neonate 30 − 50 0.003 − 0.005
Infant 20 − 30 0.01 − 0.02
Small children 20 0.02 − 0.04
Adult 2 − 4 0.07 − 0.1

• Inertia: The inertial force Pin is proportional to the volume acceleration
and is equivalent to a mass in a mechanical or an inductor in an electrical
system:

Pin = IV̈ (t). (2.5)
The inertial components have been estimated during high frequency breath-
ing [127]. Typical values for I lie between 0.004 and 0.01 cmH2O/L/s2.
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Pressure-Volume Diagrams

Mechanical properties of the respiratory system can be characterized by the
pressure-volume (PV) diagrams. We distinguish the static PV curve from
the dynamic PV curve due to the dynamics of the measurement conditions
(Fig. 2.7).
The static PV diagram is reconstructed under quasi-static conditions. Static

states, approximated by negligible airflow resistance and convection effects can
be measured when airflow is slow or during short apnea time. The static di-
agram can be obtained by different methods such as the super syringe, the
constant flow, or the ventilator method [74]. The PV static curve of the respi-
ratory system, characterized by an S-shape with a linear domain in the normal
breathing range and concavity at the extremities, is a combination of the chest
wall and lung reaction. The downward concavity for high pressure and volume
represents the limits of the lung tissue elasticity while the chest wall confers the
non-linearity in the low-pressure range. The static compliance Cstat determines
the lung volume variation for an unit change in pressure.
The dynamic PV loop describes the behavior of pressure and volume during

breathing. It is characterized by an hysteresis between inspiration and expi-
ration phase. The diagram extremities correspond to the tidal volume for the
higher point and the functional residual volume as the origin.
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Pressure (cmH O)2

Inspiration

Expiration

-6-5-4

Static curve

TLC

Palv

C = V/ PΔ Δstat

V
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Chest Lungs

0
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Figure 2.7: Left: Static pressure-volume (PV) relationship of the respiratory
system, adapted from [221]. Right: dynamic PV diagram, modified from [68].
VT = tidal volume.

2.1.3 Physiology of heart, circulation, and lymphatics
The respiratory system coordinates with the cardiovascular system to maintain
the transport of oxygenated blood to the organs. The cardiovascular system
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2.1 Physiological background

consists of the heart, the pulmonary and systemic circulation, and the lym-
phatic system.

Heart

The heart consists of four chambers: two atria and two ventricles. The atria
produce low pressures and serve the ventricles mainly as blood stores. The
right (RV) and left ventricle (LV) volumes are encircled by cardiac muscle
tissue, the "myocardium". Their coordinated contractions pump blood out of
the chambers to the blood vessels. The dividing wall between the left and right
ventricles of the heart is called the (ventricular) septum, which also consists
of cardiac muscles. The entire heart is surrounded by a passive, relatively stiff
pericardium, which gives the heart stability and protection from overstretching.
There are four heart valves that separate the ventricles from the atria and from
the arteries and arrange the direction of blood flow in the body. The tricuspid
valve separates the right atrium from the right ventricle and prevents reflux
of blood from the ventricle into the atrium. The right ventricle is connected
to the pulmonary artery via the pulmonary valve. Similarly, the left ventricle
is connected to the left atrium via the mitral valve and to the aorta via the
aortic valve. The pressure arising during the systole is dependent on the filling
volume of the ventricles (Frank-starling mechanism).
The heart cycle is described by a loop bounded by the end-diastole pressure-

volume relationship (EDPVR) and the end-systole pressure-volume relation-
ship (ESPVR). While EDPVR represents the elasticity of the ventricles, ES-
PVR describes the ventricular contractility. A heart cycle is divided into four
cardiac action phases: a) isovolumetric contraction, b) ventricular ejection, c)
isovolumetric relaxation, and d) ventricular filling. The first two phases are
summarized as systole and the second two ones as diastole. The individual
phases are presented in the pressure-volume diagram of the heart (Fig. 2.8).
During the isovolumetric contraction, the sinus node stimulates the contrac-

tion of cardiac muscles that produce a high ventricular pressure, while four
heart valves are closed. As soon as this ventricular pressure exceeds the corre-
sponding arterial pressure, the pulmonary and aortic valves are opened, causing
a large blood flow to the arteries (ejection phase). During the isovolumetric
relaxation, the heart muscle relaxes and the ventricular pressures decrease (re-
laxation phase). When the ventricular pressures underlie the venous pressures,
the tricuspid and mitral valves open and the ventricles fill again with blood from
the atria (filling phase) [68,96]. The volume difference between the contraction
and the relaxation phase is the cardiac stroke volume (SV) of the ventricles
and typically ranges between 70 and 100 mL in the adult humans [68]. The
product of pulse and SV defines the cardiac output (amount of blood flowing
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Figure 2.8: PV-diagram of the heart, modified from [76].

through the blood circuits per minute). An SV of 75 mL and a pulse of 80
beats per minute (bpm) results in a cardiac output of 6 L/min.

Systemic and pulmonary circulation

The human circulation system consists of the systemic and pulmonary circula-
tion. Each is, in turn, divided into arteries, capillaries and veins according to
the functionality of the blood vessels (Fig. 2.10 left panel). The systemic circuit
describes the transport of oxygenated blood from the left ventricle to the or-
gans. For a rapid transport, the arterial pressure is high, typically 163cmH2O
(120mmHg) systolic and 109cmH2O (80mmHg) diastolic in the aorta [68].
The arteries are characterized by a thick elastic wall with a thickness of up
to 2.5mm [96]. Systemic arteries branch to smaller arteries and to arterioles,
before opening into capillaries. The capillary wall is extremely thin, consist-
ing of only an endothelial layer to allow for an effective gas exchange. After
delivering oxygen and absorbing carbon dioxide, blood flows though the veins
back to the right atrium. The veins are a thin-walled and low-pressure sys-
tem. Their compliance is high so that a large amount of blood can be stored.
The systemic veins stores approximately 60% of the total blood volume in the
human body [68,96,184].
While the pulmonary circulation has a similar structure to that of the sys-

temic one, the pulmonary blood pressure is significantly less. Pulmonary arte-
rial pressure is about 34cmH2O (25 mmHg) in systole and 11cmH2O (8 mmHg)
in diastole. The mean capillary pressure in the lungs is about 10cmH2O. The
median pressure drop in the pulmonary circulation is about 19cmH2O. This
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Figure 2.9: Events of the cardiac cycle for left ventricular function pressure, left
ventricular pressure, aortic pressure and ventricular volume. Adapted from [68].

value results in a pulmonary flow resistance of Rpul = 190cmH2OL−1 s, for a
cardiac output of 6 L/min. Analogously, the flow resistance of the systemic cir-
culation can also be determined to be around Rsys = 1330cmH2OL−1 s [68,96].

Lymphatic system

The human circulatory system processes an average of 20 L of plasma per day
through capillary filtration. While 17 L are reabsorbed directly back to the
vessels, the other 3 L remain in interstitial space and are later returned to
the blood by the lymphatic system (Fig. 2.10, right top figure). The lymphat-
ics comprise a network of lymphatic capillaries, collectors, nodes, and larger
strains that carries fluid from interstitial spaces towards the vena cava superior.
In the lungs, a lymphatic capillary network of about 50 · 10−6 m in diameter
crosses the interstitial space. Unlike the cardiovascular system, the lymphatic
system has no central pump. Lymph movement occurs due to contraction and
relaxation of the lymphatic collectors, valves, and compression during adjacent
skeletal muscles’ contraction [187]. Lymphatic collectors have a similar struc-
ture to the systemic veins: They consist of smooth muscles which contract as
a forward fluid pump; and they are separated by lymphatic valves which allow
a unidirectional flow of fluid [138, 184]. From lymphatics collectors, fluid is
transported to lymph nodes and large lymphatic strains, before returning to
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Figure 2.10: Left: The circulation system. Right top: fluid transport in the
lymphatic system. Right bottom: a lymphatic collector, modified from [184].

the vena cava superior. Figure 2.10 right figures illustrate the components of
the lymphatic system and the structure of a lymph collector.

2.2 Pulmonary function diagnostics

Pulmonary function tests are elementary diagnostic tools in pneumology. A
pulmonary function test (PFT) is ordered by a doctor as a part of a routine
physical check-up to examine the presence of lung pathologies or to assess the
status of the lungs prior to medical treatment or surgery. In general, PFTs
can be divided into direct and indirect measurement techniques [110], as il-
lustrated in Fig. 2.11. Direct PFTs, comprising of the esophageal catheter,
the interrupter and the forced oscillation technique, measure mechanical pa-
rameters such as resistance, compliance, or impedance. Indirect PFTs provides
information about subdivisions of lung volumes via spirometry, helium dilution,
nitrogen washout, or diagnostic images via radiography, computer tomography,
or magnetic resonance imaging. The body plethysmography provides both lung
volumes and airway resistance, thus, belongs to both categories.
With exception of the imaging techniques, PFTs generally involve uncovering

relationship between pressure, flow, and volume measured at the airway open-
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Figure 2.11: Pulmonary function testing (modified from [110]).

ing. Spirometry, FOT and interrupter are noninvasive techniques with simple
measurement setup where data are captured only at the airway opening of the
test subjects. In contrast, the esophageal catheter requires that the subjects
swallow a balloon catheter during the test, which makes this technique invasive
and unpratical in use. Body plethysmography, helium dilution, and nitrogen
washout are more complex and expensive in installation, thus are often only
available in clinics or pulmonary laboratories.
Standard guidelines of pulmonary function testing in adults and children

are given by the European Respiratory Society (ERS) and American Thoracic
Society (ATS) with the latest series of papers for adults and children pub-
lished in 2005 [132, 133, 162, 218]. For infants, a series of seven articles have
been carried out by the ATS/ERS Task Force in 2000 [13,59–61,137,190,198].
In 2007, an ATS/ERS consensus statement on pulmonary function testing in
preschool children, mostly based on personal experiences [19], was published.
ATS and ERS recommend the measurement of lung volumes during a spirom-
etry test (forced vital capacity (FVC), forced expiration volume (FEV), and
Tiffeneau-index), in combination with a bronchodilator or bronchial challenge
test as the standard method to assess lung function in adults and children.
Advanced PFTs require a higher level of system understanding and instrumen-
tation [183]. Body plethysmography efficiently combines the measurement of
residual lung volume and airway resistance and is considered as the gold stan-
dard for measurement of airway resistance. However, it should be noted that
there is no standardization recommended by ERS/ATS for the use of direct
parameters such as resistance or compliance to assess lung pathologies. Major
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difficulties are the strong variation between measurement values among meth-
ods and devices, the invasiveness (in esophageal catheter technique), or the
difficult interpretation of the measurement results (in FOT).

2.2.1 Spirometry

Spirometry is the most widely used method for the determination of lung
volume in pulmonary function diagnostics because of the low expenditure on
equipment and the simple handling. Modern spirometry is based on the contin-
uous measurement of airflow at the airway opening over time via a pneumota-
chograph. Figure 2.12 shows a pneumotachograph of type Fleisch, which works
with the principle of pressure gradient over a pre-defined flow resistance. The
air flow is proportional to the pressure difference before and after the capillar-
ies due to multiple capillary tubes with small diameters that ensure a laminar
flow of air through the tube [133, 139]. Pressures are captured by sensors and
transduced to a computing unit. A subsequent integration of the flow over time
allows the determination of the lung volumes. The resistance element is heated
up to 37 °C to prevent water vapor condensation and droplet formation, and
fit to the body moisture conditions.

p p
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outin

air flow

PC

pressure
transducer

V
.

heater

Figure 2.12: Schematic construction of a Fleisch-pneumotachograph.

The execution form of a spirometry test is called the Tiffeneau or forced
expiratory maneuver. At the beginning of the test, subjects breath quietly
through the spirometer while wearing a nose clips for nasal closing. After a
few spontaneous breaths, subjects are asked to perform three consecutive forced
expiration maneuvers, e.g. a fast exhalation from total lung capacity to residual
volume with maximum effort. The forced expiratory volume can be determined
after the first half second (FEV05), after the first second (FEV1), or over the
whole lung vital capacity (FVC). Plotting flow over volume will generate the
flow-volume (FV) loop (Fig. 2.13). The flow during expiration locates in the
positive half-plane of the loop, the inspiratory flow in the negative half-plan.
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Lung pathologies hide in the form of FV loops, as shown in Fig. 2.14.
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Figure 2.14: Illustration of different ventilation disorders in the flow-volume
loop, redrawn from [183].

The Tiffeneau index (TI), calculated as the ratio FEV1/FVC, serves as
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a means of diagnosing lung diseases. According to the Global Initiative for
Chronic Obstructive Lung Disease (GOLD), a TI of less than 0.7 is already
an indication for COPD [160]. A second indicator for lung pathologies is the
value of FEV1 in percentage of the predicted reference value. This value is
determined by means of regression equations regarding age, body height, and
weight of the patient. Other diagnostic parameters are peak expiratory flow
(PEF), as well as maximum expiratory flow at 75%, 50%, and 25% of FVC
(MEF75, MEF50, and MEF25, respectively). While the expiratory part of the
healthy patient’s loop shows a linear gradient, the asthmatic one has a concave
drop (Fig. 2.14) [139]. This concavity becomes more pronounced depending on
the severity of the obstruction.
The bronchodilator test utilizes spirometry to assess possible reversibility

of bronchoconstriction in diseases such as asthma. Spirometry measurements
are performed before and after the patients taking a dose of bronchodilator
medication (such as 400 µg of salbutamol). An increase in FEV1 of > 12% is
considered a positive result.

2.2.2 Helium dilution and nitrogen washout methods
Helium dilution and nitrogen washout methods are pulmonary function tests
which determine the functional residual capacity (FRC) of the lungs. Both have
been standardized by the ATS/ERS [218]. The helium dilution technique is
based on the idea that helium does not diffuse from the alveoli into the blood
and thus is not affected by the gas exchange. During the test, the patient
inhales a predefined helium volume in addition to the inhaled air. FRC is com-
puted from the proportion of helium concentration before and after inhalation
in the lungs [110,218]:

FRC = Vcontainer
[He]before− [He]after

[He]after
(2.6)

The second technique is based on washing out N2 from the lungs, while patients
inhale 100% O2. Lung volume at the start of washout can be calculated by the
amount of N2 washed out and the initial alveolar N2 concentration [218].

2.2.3 Body plethysmography
The (whole) body plethysmography was introduced by DuBois in 1956 [42].
Besides the measurement of spirometric parameters, it provides the effective
airway resistance (Raw), the specific respiratory resistance (sRaw), and the
thoracic gas volume (TGV) [62,110]. While the measurements require trained
medical personal, the patients’ effort is reduced compared to spirometry.
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Figure 2.15: Determination of the airway resistance Raw with the body
plethysmography, modified from [35]. Top: shutter open, respiratory loop of
airway flow against cabin pressure. Bottom: shutter closed, shutter-maneuver
loop of airway pressure pao against cabin pressure pb.

The plethysmograph is a hermetically sealed cabin with an integrated pneu-
motachograph and a shutter. The box has a defined volume of air and a
minimal leakage for pressure compensation caused by patient’s body heat.
During the test, the patient breathes quietly through a pneumotachograph,
while flow, airway and cabin pressures are recorded. During inhalation, the
patient’s ribcage rises, the cabin volume falls and the box pressure increases.
The intrathoracic gas volume (IGV) can be determined by the law of Boyle-
Mariotte for isothermal gas (P ·V = const) [62, 110]. Considering the water
vapor partial pressure in the lungs, pH2O = 6.27kPa, IGV can be computed as:

IGV =
∆Vlung
∆pao

· (patm−6.27kPa) (2.7)

The change in lung volume ∆Vlung is not directly measurable and can be
replaced by the product of the box pressure drop ∆pb and a calibration constant
Kbody:

IGV = ∆pb
∆pao

·Kbody · (patm−6.27kPa) (2.8)

25



2 Fundamentals

During spontaneous breathing, an installed shutter is activated. The subject
continues his normal breathing against the shutting valve. Since there is no
pressure drop along the resistance element at that time, the alveolar pressure is
equal to the mouth pressure. Plotting the flow and the airway pressure against
the box pressure gives us the respiratory loops of the body plethysmography
(Fig. 2.15). The airway resistance Raw is computed as

Raw = tanα
tanβ (2.9)

where α and β are obtained from the two respiratory diagrams. The specific
airway resistance sRaw is the product of the airway resistance and the func-
tional residual capacity (FRC) of the lungs:

sRaw =Raw ·FRC. (2.10)

An alternative body plethysmography introduced by Mead in 1960, measures
lung volume change directly by having subjects breath in and out across the
wall of the box [126]. Although Mead’s body plethysmography provides the
lung compliance as an additional parameter, calibration and execution of the
measurements are more difficult compared to the DuBois’s version. Mead’s
method is not widely used in the praxis nowadays.

2.2.4 Rapid interrupter technique
The rapid interrupter technique (or occlusion technique) was first introduced
by Von Neergaard and Wirz in 1927 [215]. This technique relies on the fact
that during a sudden airflow interruption at the airway opening, alveolar and
mouth pressure will rapidly equilibrate. Figure 2.16 shows the pressure and
flow obtained at the airway opening of a healthy subject. The interrupter was
activated during a spontaneous inspiration. Two rises in Pao can be observed.
The respiratory resistance is computed as the quotient between the pressure
drop immediately before and after closing the valve, and the flow at airway
opening immediately before closing:

Rint = ∆Pao
V̇ao

(2.11)

In the ATS/ERS statement on pulmonary testing in preschool children [19],
the authors commented on the first rise Pinit and the second rise Pdiff of the
pressure as follow: "During tidal breathing, Pinit, and thus Rinit, will include
a component of both lung tissue and chest wall resistance, not only airway
resistance. Pdiff is due to the viscoelastic properties of the respiratory tissue
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2.2 Pulmonary function diagnostics

and reflects stress adaption (relaxation or recovery) within the tissues of the
lung and chest wall, plus any gas redistribution (pendelluft) between pulmonary
units with different pressures at the time of interruption [12, 88, 188]". This
statement gives a rough explanation for the two rises in Pao during occlusion.
However, there is a lack of a mathematical explanation and a computer model,
which is able to reconstruct those rises. In Chapter 3, we perform a model-
based analysis to reevaluate the method and clarify the cause of the rises in
Pao.
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Figure 2.16: Pressure and flow measured
at the airway opening during an interrup-
tion. Data obtained on a healthy subject
with the Jaeger Masterscreen system.

In infants and very young chil-
dren, the execution of the occlusion
technique is different due to the in-
voked Hering-Breuer Inflation Reflex
(HBIR) during occlusion. In adults,
HBIR is normally triggered to pre-
vent over-inflation of the lungs. In
infants, it occurs as soon as the air-
ways are occluded at a positive end-
expiratory lung level. The ATS/ERS
standardization for infants recom-
mends an occlusion at the end of
inspiration [61]. The recommended
calculation of the respiratory compli-
ance Crs and resistance Rrs assumes
that (1) pressure at airway opening
equals alveolar pressure during oc-
clusion and (2) compliance is con-
stant during spontaneous breathing.
The second assumption can become
problematic under pathological con-
ditions [47]. Instead of the single interrupter method, the multiple interrupter
technique is recommended by many authors [47,55,154].

2.2.5 Esophageal catheter

The esophageal catheter method is based on the insertion of a pressure balloon
catheter into the patient’s esophagus. It is well accepted that the changes in
the esophageal pressure are representative of changes in the pleural pressure
ppl applied to the lungs. In combination with a pneumotachograph, resistances
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of the lungs and thorax are given as follow:

Raw =
ppl(t)−pmouth(t)

V̇ (t)
(2.12)

Rcw =
pmus(t)−ppl(t)

V̇ (t)
(2.13)

Pes

V
.

Sensor

Figure 2.17: Measure-
ment principle of the
esophageal method.

Dependent on the breathing mode, either
eq. (2.12) or eq. (2.13) can be applied. During spon-
taneous breathing, the pressure at airway opening
is equal to the atmospheric one pmouth = patm while
pmus remains unknown. Hence, the airway resistance
Raw can be computed regarding eq. (2.12). During
mechanical ventilation, the respiratory muscles are
inactive pmus = 0, eq.(2.13) can be applied to cal-
culate the chest wall damping Rcw. Note that the
tissue resistance Rti is included in the airway resis-
tance Raw in eq.(2.12).
The accuracy of the esophageal catheter technique

depends strongly on the correct localization of the
balloon. Furthermore, the method is invasive, since
either the patient needs to swallow the balloon or it
is inserted through his nose. Although this technique
can be useful for monitoring the intra-thoracic pressure during mechanical ven-
tilation, the practical use of the esophageal catheter is limited. It has been used
mostly in former clinical studies and animal trials.

2.2.6 Forced Oscillation Technique
The Forced Oscillation Technique (FOT) was first introduced by DuBois et al.
in 1956 [43]. This noninvasive method is based on external small-amplitude
oscillatory signals applied at the patient’s mouth and superimposed on the
spontaneous breathing. The oscillation signals can be sinusoidal (FOT), im-
pulse (Impulse Oscillometry), or noise (Pseudo Random Noise). The absence of
patient’s cooperation necessity makes FOT attractive for examination during
sleep, in infants or when breathing is difficult to control. Technical recom-
mendations and clinical practice of this method is given in the ERS guidelines
published in 2003 [155].
In FOT, the sinusoidal signals can include single or multiple frequencies.

Measurements are conducted simultaneously to spontaneous breathing because
the frequencies used are mostly more than 10 times higher than the respiration
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rate and thus, can be easily separated from the respiratory rate. Due to linear-
ity requirement of spectral analysis, FOT signals should remain in a relatively
small amplitude range [119,155].
Respiratory mechanical parameters are then assessed by spectral analysis

of the resulting flow and pressure recorded at the patient’s airway opening.
The respiratory impedance Zrs defined as the spectral ratio of the measured
pressure and flow signals is divided into a resistance and reactance part:

Zrs(jω) = Pao(jω)
V̇ao(jω)

= Zrs,R(ω) + jZrs,X(ω), (2.14)

where ω is the oscillatory frequency. The resistance Zrs,R describes the pressure-
flow fraction of the part of the pressure signal in phase with the flow. The reac-
tance Zrs,X represents effects of both elastic and inertial forces which create a
phase shift between pressure and flow signal [63]. At lower frequencies, Zrs,X is
dominated by elastic components. Above the resonance frequency fres, inertia
has a stronger impact on the impedance [54].
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Figure 2.18: Resistance (left) and reactance (right) with respect to frequency
measured with FOT, redrawn from [155].

Different studies have established impedance resistance disparities between
healthy subject and individuals suffering from obstructive lungs diseases [73,
209] (Fig 2.18). In acute asthma, FOT may prove to be useful for assessing
bronchodilator response [44, 155]. However, a study in preschool children re-
ported only a marginal correlation between the resistive impedance at 8 Hz and
the asthma severity ratings [26]. FOT measurements also exhibit a poor cor-
relation with the spirometric indices in children with cystic fibrosis [79, 195].
Hence, for FOT, the systematic relationship between the impedance Z(jω)
measured with FOT and other lung function parameters such as FEV1 and
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Rint has not been understood. There is a lack on the physiological interpreta-
tion of the respiratory impedance Z(jω).

2.3 Mechanical ventilation

Mechanical ventilation is the medical treatment where a technical machine is
used to assist or replace spontaneous breathing. Mechanical ventilation has
four main goals: (1) delivering oxygen to the alveoli, (2) removing carbon
dioxide from the lungs, (3) providing mechanical work of breathing, and (4)
maintaining pressure and volume in patients’ lungs. Ventilators are most often
used during surgery with general anesthesia, or for patients with impaired lung
function (Pneumonia, COPD, ARDS, etc). In the 19th and 20th centuries, neg-
ative pressure ventilators or the iron lungs were widely used. The iron lung is
a hermetically scaled metal chamber surrounding the patient’s body with sub-
atmospheric pressure for lung expansion [92, 113, 121]. Since the development
of positive pressure ventilation and the intensive care unit in the 1960s, more
than 174 different ventilation modes have been developed [134]. They can be
classified in two main categories: assisted spontaneous breathing (ASB) and
controlled-ventilation.

2.3.1 Continuous positive airway pressure (CPAP)

P
re

ss
u
re

Normal
breathing

Normal
breathing
+ CPAP

BiPAP

PEEP

BiPAP-
supported
pressure

Time

PEEP

Figure 2.19: Spontaneous breathing,
CPAP, and BiPAP.

A typical form of ASB is the Continuous
Positive Airway Pressure (CPAP), which
applies a mild pressure on top of sponta-
neous breathing to keep the airways con-
tinuously open. CPAP is typically used
for patients with obstructive sleep apnea
and/or heart failure during sleep, usu-
ally through a nasal mask. Another form
of CPAP with a pre-defined level of in-
spiration is the Biphasic Positive Airway
Pressure (BiPAP) mode, as illustrated in
Fig. 2.19.

2.3.2 Pressure- and
volume-controlled ventilation
Pressure- and volume-controlled ventilation (PCV and VCV) are different con-
trol variables within a mode. In VCV, tidal volume is pre-set manually,
while PCP allows the adjustment of ventilation pressure (positive inspiratory
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pressure PIP and positive end-expiratory pressure PEEP). A mixed form is
the pressure-regulated volume control, which applies VCV with an additional
pressure-limited control. This form ensures a consistent tidal volume for dy-
namic alteration of lung mechanics during mechanical ventilation, and monitors
the maximal pressure to reduce the risk of ventilation-induced lung injury.

2.4 Electrical Impedance Tomography

Electrical Impedance Tomography (EIT) is a noninvasive, radiation-free imag-
ing technique which is based on the measurement of cross sectional impedance
distribution of biological tissues. The response of a material exposed to exter-
nal electric field depends on its electrical properties such as conductivity σ and
permittivity ε:

γ(x,ω) = 1
z(x,ω) = σ(x) + jωε(x), (2.15)

where γ is the admittivity, the inverse of the impedivity z, x is the position con-
sidered in the material and ω the excitation pulsation. Impedance tomography
determines the impedance distribution inside the material using information
measured at the element boundaries. Electrodes placed at the object circumfer-
ence repeatedly send small alternating electrical currents while measuring the
resulting surface voltages. The transfer impedances obtained are used to re-
solve the inverse problem of the distribution using to numerical reconstruction
methods [22].
The first transmission image of the chest based on the impedance was in-

troduced by Henderson and Webster in 1976. The measurement system had a
100-electrode matrix coupled with a single large electrode on the back and the
front of the thorax, respectively [80]. In 1983, Brown et al. published the first
tomographic images using current injection between adjacent electrodes with
only 16 electrodes [6]. Since then, his method has been continuously studied
and developed to enlarge the application fields and enhance the performance.
EIT has become a very promising tool in bedside monitoring of lungs ventila-
tion and perfusion [57,73,102,112].
In 2011, Dräger Medical GmbH, Lübeck, Germany released the first EIT

device for daily clinical use, the PulmoVista® 500, utilized for patient mon-
itoring in intensive care settings. The PulmoVista 500 sequentially applies
small alternating electrical currents (IEC 60601-1, 80−130kHz, automatically
adjusted amplitude at approximately 5mA) through a pair of the 16 electrodes
attached to a belt on the circumference of the patient’s chest, and measures
the difference of voltage between the remaining electrode pairs (Fig. 2.20 left).
For each frame, 208 differential voltages are recorded, of which 104 are linearly
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Figure 2.20: Left: Sequence of current injection and voltage measurement.
Right: Effect of distance in impedance calculation.

independent due to reciprocity. The electrical impedance Z is obtained as the
measured voltage V over the injected current I (Z(t) = V (t)

I(t) ).

Figure 2.21: A reconstructed
EIT image (32x32 pixel).

An integrated finite-element-method based
on the linearized Newton-Raphson recon-
struction algorithm can be used to recon-
struct EIT images from the raw voltage sig-
nals (Fig 2.21). One image is obtained when
all electrode pairs have been used to in-
ject current. In general, around 10 cm over
and below the electrode plane can be de-
tected with EIT devices (Fig. 2.20, right
panel) [203].
Once EIT images have been reconstructed,

each pixel value of the 32x32 images is equal
to the impedivity variation at this point with
respect to a reference, which is the rela-
tive impedance value for each pixel (called
impedance index or relative image pixel):

p(x,t) = ∆z(x,t) = z(x,t)−zref(x)
zref(x) . (2.16)

The sum over all pixel is called the global impedance index:

∆Z(t) =
∑

32x32
∆z(x,t). (2.17)
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Many studies have investigated the relation between impedance values and
pulmonary ventilation. In the 80s, Harris et al. showed that the global
impedance index was highly correlated with the volume of air contained inside
the lungs [73], which was confirmed later by different research groups [57, 82].
In other words, the global impedance index can be linearly interpolated by
the spirometry measurement obtained at the airway opening. Thanks to this
relationship, it is possible to assess the airflow inside the lungs with EIT data.
Other researchers have also highlighted the local information given by EIT

through the comparison of the right and left lung behavior [57,58]. Serrano et
al. identified a volume difference between the compartments consistent with
physiological data (47% to 53% for respectively the left and right lung) [186].
Kunst et al. compared EIT left-to-right ratio with radionuclide scanning and
attested the reproducibility and reliability of EIT measurements for both per-
fusion and ventilation division [102].

2.5 Object-oriented modeling language for biophysical
modeling

In this thesis, biophysical forward models are programmed in the object-oriented
modeling language (OOML) Matlab Simscape™. OOML considers energy flow
among the compartments in four-terminal representation [86]. It uses lumped
elements to model physical quantities such as energy sources, storages, trans-
formers, converters, and sinks. There are three types of equations in the four-
terminal representation: balance, constitutive, and phenomenological equa-
tions [86]. The energy inflow, outflow, and storage of a system are described
by balance equations. Constitutive equations characterize the energy flow be-
tween two potentials, or in other words, represent the mathematical relation
between a through-variable (fluid flow, electrical current, chemical concentra-
tion changes) and an across-variable (potential, voltage, pressure) [86]. Phe-
nomenological equations describe the sinks and losses of energy by dissipative
elements, e.g. due to Ohm’s law or Fick’s law of diffusion.
In OOML, each model component is modeled by one or more constitutive

equations (pressure-volume characteristics for compliances) or phenomenolog-
ical equations (pressure-flow characteristics for resistance). A representative
example is the Windkessel model of the vascular system [56] (Fig. 2.22). Blood
from the arterial compartment Ca flows through the total peripheral resis-
tance of the vascular bed RTPR to the venous compartment Cv. Pa, Pv, Psur
are the arterial, venous, and surrounding pressures, respectively. The balance
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Figure 2.22: A simple model of a vascular system.

equations are given as:

V̇a(t) = V̇Ca (t) + V̇R(t); V̇R(t) = V̇Cv (t) + V̇v(t)
Pa(t) = PCa (t) +Psur(t); Pv(t) = PCv (t) +Psur(t)
Pa(t) = PR(t) +Pv(t) (2.18)

The pressure-volume relation of the compliances Ca and Cv are described by
the constitutive equations:

∆PCa,v (t) = 1
Ca,v

·∆VCa,v (t), or V̇Ca,v (t) = Ca ·
dPCa,v (t)

dt
.

The phenomenological equation for the flow resistance RTPR is given as

PR(t) =RTPR · V̇R(t) (2.19)

In signal-based or text-based programming languages such as Simulink or
C++, we need an explicit implementation of the balance equations. In Sim-
scape™, these equations can be realized implicitly in the graphical structure of
the model, thus no explicit implementation is required. In this case, the balance
equations (2.18) are implicitly derived from Fig. 2.22. Electrical equivalent rep-
resentation can be applied by replacing hydraulic elements by electrical ones,
since pressure, volume, and flow correspond to voltage, charge, and current in
the hydraulic-electrical analogy, respectively (Table 2.2). This simplification
assumes a perfect Newtonian fluid, e.g. constant density and viscoelasticity,
within a medium.
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Table 2.2: Correspondence between electrical and hydraulic (cardiorespiratory)
units.

Electrical Unit Hydraulic Unit
Voltage U V Pressure gradient ∆p cmH2O or mmHg
Current I A Flow V̇ L/s
Charge Q C Volume V L
Resistance R Ω Flow resistance R cmH2O/L/s
Capacitor C F Compliance C L/cmH2O
Inductance L H Inertance I cmH2O/L/s2
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I’m an adventurer, looking for treasure.
Paulo Coelho

This chapter introduces a mathematical multi-compartment model of the res-
piratory system. The model is developed in order to gain better understand-
ing of respiratory mechanics and lung pathologies. The development of the
model comprises compartmentalization, non-linear characterization of the com-
ponents, parametrization, and validation. At the end of the chapter, a model-
based analysis for reevaluation of the interrupter technique is presented to
exemplarily demonstrate the use of the model.
Parts of the chapter were previously published in a peer-reviewed jour-

nals [146].

3.1 Non-linear model components

A lumped model of the respiratory system is a set of ordinary differential equa-
tions (ODEs) that describe precisely the behavior of the lungs. With respect to
system complexity, a compartmentalization of the respiratory tract ensures a
lumped structure. Figure 3.1 illustrates the abstraction of lung mechanics from
the physiological view (left) to the physical compartment structure (right).

3.1.1 Airways and airspaces

The human airways are divided into the upper airways and the bronchial tree
separated by the larynx. The bronchi tree is subdivided into central bronchi
(first 5 generations, N = 0−4) and peripheral bronchi (next 11 generations, N =
5−15). Generations 16−23 (or 16−26 in the Hansen-Ampaya model [71]) shape
the respiratory bronchioles and alveoli. Regarding their mechanical properties
and physiological functionalities, it is adequate to subdivide the airways and
airspaces into three compartments: the central compartment (including up-
per airways and central bronchi), the peripheral compartment, and the alveoli
(Fig. 3.2).

Volume of the airway/airspace compartments.

The upper airways are small in volume (approx. 70 mL including a nasal
volume of 31mL [207]). Bronchial volume for each generation can be estimated
by the morphometric data of Weibel [219], Hansen [71], or Yeh and Schum [226].
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Figure 3.2: Airway compartments with generation number and volume.

Table 3.1 displays the resulting volume for central and peripheral bronchi as
well as alveoli.
The Weibel model proposes a volume of approx. Vc = 49 mL (1.6 %) for the

central bronchi, Vb = 59 mL (2 %) for the peripheral airways, and Valv = 2864
(95 %) mL for the alveoli at a total lung gas volume of Vlung = 3 L. Increasing
Vlung from 3 L to 4.76 L, the central bronchial volume remains constant, while
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Table 3.1: Volume of the airway and airspace compartment, regarding the
geometrical structure models of Weibel, Hansen & Ampaya, and Yeh & Schum.
Vlung = total lung volume, Vc = volume of the central bronchi, Vb = volume of
the peripheral bronchi, and Valv = alveolar volume.

Vlung Vc Vb Valv
Valv
Vb

(mL) (mL) (mL) (mL)
Weibel inspi. 3002 48.73 58.77 2863.5

expir. 4759 50.51 94.09 4583.4
∆V 1757 1.78 35.32 1719.9 48.7

Hansen & inspi. 2696.5 49.1 51.9 2564.5
Ampaya expir. 3856.7 50.5 74.9 3700.3

∆V 1160.2 1.4 23 1135.8 49.4
Yeh & Schum total 5563.88 64.98 162.23 5336.67 32.9

the peripheral bronchi and alveoli compartments expand proportionally to lung
volume. For healthy adults, the fraction Valv/Vb can be considered as constant
under quasi-static conditions, when air flow in system is close to zero:

Valv
Vb

= const >> 1. (3.1)

This fraction can change dramatically in high dynamic processes such as during
forced expiration maneuvers, where the peripheral bronchi above the equal
pressure point (EPP) collapse partly. The concept of EPP, introduced by
Mead in 1967 [131], explains the existence of a limited maximum flow during
the forced expiration maneuver.
The airway and airspace compliances can be derived for pressure and lung

volume changes, e.g. during spontaneous breathing. As shown in Table 3.1,
Weibel and Hansen & Ampaya proposed the following relation between the
static compliances of the central, peripheral, and alveolar compartments Cc,
Cb, Calv:

Cc/Calv = ∆Vc/∆Valv ≈ 0.001≈ 0, (3.2)
Calv/Cb = ∆Valv/∆Vb ≈ 30−50. (3.3)

Independent from the works of Weibel and Hansen & Ampaya, Vogel and
Smidt proposed the values Calv = 0.2 and Cb = 0.004cmH2O/L/s for normal
healthy subjects [210]. This results in the same fraction Calv/Cb ≈ 50 as re-
ported in the Weibel and Hansen & Ampaya models.
It seems that the fraction Calv/Cb has not gained much attention in recent

lung researches. However, as shown in later chapters of this work, this fraction
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plays a key role in the simplification of model structure and hence, the inter-
pretation of the measurement data obtained with the interrupter and forced
oscillation techniques. Model-based detail analysis will be discussed in later
chapters.

Flow pattern and flow-dependent resistance

The air velocity in the lungs depends on the geometry of the lungs as well as
the applied pressure gradient which creates the air flow. In most situations,
gas in the lungs can be considered as Newtonian fluid (incompressible, constant
density), unless a high thoracic pressure is created by the muscles while the
mouth is closed. The value of the Reynold number determines if the flow
is in laminar, transitional, or turbulent regime. Details on flow patterns are
explained in Appendix A.2.
Figure 3.3 depicts the Reynold number against the generation number for

normal (0.1 L/s) and heavy (1.667 L/m) breathing, as reported in [38]. The
normal breathing rate of 0.1 L/s is calculated by twelve breathings of 0.5 L
in one minute. According to this diagram, the flow in all airways is laminar
during normal breathing. During heavy exercise, while flow in the peripheral
airways remains laminar, flow in the central bronchi becomes transitional and
turbulent .

0 5 10 15 20
0

2

4

6

8

10

12

14

R
ey

n
o
ld

 n
u
m

b
er

 (
1
0
³)

24
Generation number

transitional

turbulent

laminar

Central bronchi Peripheral bronchi Alveoli

Heavy exercise
(1.667 L/s)

Normal breathing
(0.1 L/s)

Figure 3.3: Reynold number of flow in the bronchial tree. Redrawn from [38].

A more detailed diagram was reported by Pedley et al. in [161], where air-
ways resistances were predicted as a function of airway generation regarding
the Weibel model (Fig. 3.4). The diagram proposed a flow-independent resis-
tance for small airways (N ≥ 10), and a flow-dependent resistance for large
airways (N ≤ 6) at high flow. The middle airway generations (7−10) belongs
to a transitional regime: more airways become flow-dependent when the flow
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3.1 Non-linear model components

becomes higher. For simplification, the flow-dependent fraction of the middle
airways will be considered as a part of the central compartment.
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Figure 3.4: Predicted airway resistance as a function of airway generation at
different flows. Reproduced and redrawn from [161].

In total, the central compartment consists of upper airways (mouth or nasal
passage, glottis, larynx) and the first 5 generations of the bronchial tree. They
have rigid wall (Cc ≈ 0), thus are considered to be volume-independent. The
central resistance Rc is given as follow:

∆P =RcV̇ =Kc,1V̇ +Kc,2V̇
2

Rc =Kc,1 +Kc,2V̇ , (3.4)

where Kc,1 and Kc,2 are the laminar and turbulent coefficients. Liu [114]
estimated these parameters in four healthy subjects and reported average values
for Kc,1 = 0.345cmH2O/L/s and Kc,2 = 0.325 cmH2O/L2/s.

Volume-dependent peripheral resistance

Considering the peripheral bronchi as a cylinder which can constrict and dilate
uniformly, its resistance can be determined by the Hagen-Poiseuille equation
of fluid dynamics for laminar flow:

Rp = 8µL
πr4 , (3.5)

where Rp is the peripheral resistance, µ the dynamic viscosity, L the length and
r the radius of the tube. In their models, Liu et al., Athanasiades et al., and Lu
et al. proposed a proportional relationRp∼V −2

p regarding V 2
p ∼ r4 [4,114,117],

with Vp the volume of the peripheral airways. Although this consideration
is useful to describe turbulent flow during forced expiratory maneuvers, it is
incorrect for laminar flow. Indeed, since L does not remain constant when
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3 Respiratory modeling

lung volume increases, Rp ∼ Lr−4 and Vb ∼ Lr2 occur, which leads to the
relation Rp∼V −1

p . Widdicombe et al. derived a general term for the peripheral
resistance [224]:

Rp =
Kp,b
Vb

, (3.6)

whereKp,b [cmH2Os] is a positive constant and estimated to be 0.0014 cmH2O .min
or 0.084 cmH2Os [224]. If the relation Valv/Vb ≈ const remains, eq. (3.6) can
be rewritten as:

Rp =
Kp,b
Vb

= Kp
Vlung

, (3.7)

whereKp is another positive constant. ForKp,b = 0.084cmH2Os and Vlung/Vb≈
50 (Weibel), Kp can be estimated as Kp = 0.084 ·50 = 4.2cmH2Os.
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Figure 3.5: Relationship between airway conduc-
tanceGaw, specific airway conductanceGaw, airway
resistance Raw, and lung volume, as can be found
in literature. RV = residual volume. FRC = func-
tional residual capacity. Redrawn from [94,98].

Briscoe and Dubois stud-
ied the relation between to-
tal airway resistance Raw
and lung volume in 26 sub-
jects of all ages [23] in-
cluding 585 measurements
with a body plethysmograph.
They found that Raw ranges
from 2.9V −1

lung to 7.7V −1
lung in

these subjects. They also
reported a linear relation
between airway conduction
Gaw = 1/Raw and lung vol-
ume, which leads to the con-
cept of a constant specific
airway conductance, as intro-
duced in Chapter 2:

Gaw = 1/Raw =KVlung, sGaw =Gaw/Vlung =K = const. (3.8)

The finding of Briscoe and Dubois (Fig. 3.5) is generally accepted and can be
found in many textbooks of physiology.
However, the subdivision of the airways into the central and peripheral com-

partment conflicts with the diagram in Fig. 3.5. The central compartment,
especially the upper airways, consist of rigid tubes, and are therefore volume-
independent. There is a need to investigate the exact contribution of the cen-
tral compartment in the airway resistance-volume characteristics. Considering
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3.1 Non-linear model components

eq. (3.4) and (3.7), the airway conductance Gaw can be rewritten as:

Gaw = 1
Raw

= 1
Rc +Rp

= 1
Rc + Kp

Vlung

(3.9)

As a plausibility test, we reconstruct the data published by Bricose and
Dubois in one subject (named J.Z.) [23] and perform Least Squares regression
for two mathematical models eq. (3.8) and (3.9). The results, illustrated in blue
and red in Fig. 3.6, are K = 4.7899 with the squared 2-norm of the residual∑
e2 = 0.642 in the original model and Rc = 0.1275, Kp = 4.4515, and

∑
e2 =

0.6211 in the compartmentalized model. Similarly, the new conductance-
volume curve differs slightly from the linear original one with a smaller residual
error (0.0746) against the original model (0.0936). The black lines in Fig. 3.6
depict the resistance and conductance simulated with Rc = 0.345 (reported
in [4]) and Kp = 4.2 (as calculated above). Though the values come from
different independent reports, its form and dimension fit the measured data
(Fig. 3.6).
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Figure 3.6: Resistance, conductance, and specific conductance against lung vol-
ume. Least-squares regressions were performed for the original model of Briscoe
and Dubois [23], and our model considering the central airway resistance.

This example demonstrates that the subdivision of airway resistance into
a volume-independent, central resistance and a volume-dependent, peripheral
resistance is not only more physiological, but can also provide a better fit on
experimental data. Hence, the assumption of a linear relationship between
Gaw and Vlung should be replaced by the model shown in eq. (3.9), especially
in cases of upper airway obstruction. More investigations on larger data should
be taken to confirm this hypothesis.
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3 Respiratory modeling

Static pressure-volume relationship of the peripheral bronchi

In 1988, Gunst and Stropp [66] investigated the pressure-volume (PV) relation-
ship measured in separated canine bronchi segments. This PV curve consists
of three phases: collapse, normal (linear), and over-distension (Fig.3.7). Such
a behavior can be modeled with a tangent hyperbolic (tanh) or a logarithmic
(ln) function:

Vb = V0 + 1/λ · tanh(c ·Ptr,b +P0) (3.10)
or Vb = 1/λ · ln(c ·Ptr,b +P0) +V0, (3.11)

where Vb is the bronchial volume and Ptr,b the transmural pressure. The
parameters V0, P0, c and λ can be used to adjust the form of the PV curve.
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Figure 3.7: Pressure-volume relationship of the
peripheral bronchi. Data taken from [66]

.

Figure 3.7 shows a fit
of the tanh function to
the data from [66]. This
curve outlines the dependen-
cies of the bronchial volume
on the pressure gradient be-
tween the intra-thoracic and
bronchial pressures. During
the collapsed and overexten-
sion phases, a large change
in the pressure gradient re-
sults in a small change in the
bronchial volume.

Model structure
of airways and airspace

The model structure for air
flow in the airways and airspace is illustrated in Fig. 3.8. Entering the periph-
eral bronchi, the air flow is divided into two components: one passes through
the bronchi and reaches the alveoli, and one expands the bronchi. The volume
and flow relations are given as:

Vlung(t) = Vc(t) +Vb(t) +Valv(t)→ V̇lung(t) = V̇b(t) + V̇alv(t) (3.12)
Eq. (3.12) states a parallel structure between Vb and a series of Rp and Calv,
which is known as the Mead’s parallel structure [128, 130]. The bronchi and
alveoli compliances separate the material inside from the material outside.
While air flow corresponds to the left side of the compliances (Cb and Calv)
in Fig. 3.8, bronchi and alveoli are tethered to the surrounding interstitium
which, in our model, is assumed to be homogeneous for bronchi and alveoli.
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Figure 3.8: Model structure of airways and airspaces and their main compo-
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3.1.2 Tissue and chest wall
The respiratory system consists of three components: the gas (airways and
airspace), the tissue enclosing the airways and airspace, and the chest wall
enclosing the lungs (Fig 3.1). The change in volume of one part is equal to
that of the other parts [127]:

V̇cw(t) = V̇ti(t) = V̇lung(t) = V̇b(t) + V̇alv(t). (3.13)

Eq. (3.13) indicates a serial structure among airways/airspace, tissue, and chest
wall.

Separation of alveoli and interstitial tissue

One of the earliest investigation on the (quasi)-static relation of alveoli and
interstitial tissue was carried out by von Neergaard [214]. He compared expi-
ratory pressure-volume curves of air-filled and liquid-filled lungs and empha-
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3 Respiratory modeling

sized the importance of surface tension in the air-liquid interface. However, the
role of surfactant on the reduction of the surface tension was not clear at that
point. In 1954, Ted Radford reported that the surface area, which was calcu-
lated morphometrically, was about one order higher than the expected value,
i.e. the surface tension at the alveolar wall was much lower than estimated
by von Neergaard. One year later, Pattle published a paper in Nature stat-
ing the existence of "extracts" from the lungs which could reduce the surface
tension [158,159].
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Figure 3.9: Inflation-deflation pressure-
volume loop measured from a single cat
lung, reproduced and redrawn from [172].
A pressure at about 9cmH2O was required
to open the airways.

Figure 3.9 illustrates an inflation-
deflation loop measured from a sin-
gle, excised cat lung [172]. While the
pressure-volume loop of the saline-
filled lung (i.e. only tissue) is mostly
linear without any significant differ-
ence between inflation and deflation,
the air-filled lung exhibits the typical
lung hysteresis. From residual vol-
ume, an opening pressure of about
9cmH2O was required to open the
airways. Cyclic closing and reopen-
ing of the lungs should be prevented
in protective ventilation. The use of
small tidal volume and inspiratory-
expiratory pressure gradient on an
adequate PEEP is recommended by
the Open Lung concept, introduced
by Lachmann in 1992 [103].
Although a separation of tissue

elastance and alveolar surface tension is reasonable to describe the quasi-static
behavior of the lungs, recent models in literature consider the elasticity of
the lungs as one compartment [4, 111, 114, 117, 169, 204]. In these models, the
bronchial compliance is directly connected to the pleural pressure, which is un-
physiological, since the bronchi are surrounded by the interstitial tissue. These
arguments lead to a novel serial structure of bronchial/alveoli and lung tissue,
as shown in Fig. 3.10.
As mentioned above, the PV characteristics of lung tissue without alveolar

impact can be experimentally determined by filling the alveoli with isotonic
saline. By reducing the surfactant concentration and thus the surface tension,
lung compliance increases threefold [68, 177] from 0.2 L/cmH2O [68, 114] to
0.6 L/cmH2O. This component, representing the elasticity of the elastic tissue
must be as high or larger than this value.
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Although the mechanical be-
havior of alveoli surface ten-
sion has been investigated by
multiple research groups [95,
103, 140, 151, 201, 228], it is
not yet completely under-
stood [27]. In their works,
Yuta [228] and Sundaresan
et al. [201] assumed that the
main cause of lung volume
change during spontaneous
breathing is the recruitment
of alveoli, not the expansion
of the opened alveoli. In our
approach, the alveoli charac-
teristics are considered as one non-linear component, which models the system
behavior of both recruiting and expending alveoli. The PV characteristics of
lung alveoli can be described by the following hyperbolic function:

Valv(t) = V0 + 1
λ
· tanh(c ·Ptr,alv(t) +P0), (3.14)

where Valv(t) and Ptr,alv(t) are the alveolar volume and transmural pressure,
respectively. The parameters V0, λ, c and P0 can be determined by maximum
and minimum lung volume, as well as maximum alveoli compliance.
Fig. 3.11 depicts the alveolar characteristics. The upper line represents the

alveolar compliance curve, and the lower one the compliance of diseased lungs,
such as in edematous patients [32, 228]. The black circles in Fig. 3.11 illus-
trate residual lung volume (RV = 1.3L [68]). The minimal volume of 0.5L
corresponds to the state when the lungs are separated from the thorax and are
completely collapsed. This approach does not yield any contradiction with the
balloon-like theory or the recruitment model [228]. It should be noted that the
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alveolar hysteresis, as well as surface tension reduction regarding surfactant is
not in the focus of this work. A simplification is made by applying a tanh-
function to describe the alveolar pressure-volume relationship. This can be
extended in future works by replacing this characteristics with a more complex
approach, without affecting other model compartments such as tissue, airways,
and chest wall.

Tissue and chest wall visco-elastic resistance

The total respiratory resistance can be divided into airway and visco-elastic re-
sistances by means of measurements via body plethysmography and the forced
oscillation technique. The visco-elastic resistance, which accounts for less than
43% of the total resistance [54], is a combination of lung and chest wall (in-
cluding thoracic and abdominal) tissue damping. Ferris et al. performed mea-
surements on test subjects using needles introduced to the trachea, the alveoli,
and the pleural surface to separate these components of the resistance [51].
They reported that the chest wall resistance, which is linear up to flow rates of
2 L/s, accounts for 10−19% of the total resistance during nasal breathing and
less than 19% during mouth breathing. They also found a low, insignificant
pulmonary tissue resistance, as shown in Fig. 3.12. Hence, Rti ≈ 0 is considered
in our model.
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Figure 3.12: Flow-pressure relationship of respiratory segments, reproduced
and redrawn from [51]. A high slope describes a low air flow resistance.

Lung-chest wall quasi-static interactions and the pleural space

In 1946, Rahn et al. introduced the pressure-volume diagram of the thorax
and the lung [173], as shown in Chapter 2. The chest wall compliance Ccw
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3.2 The two-degree-of-freedom model

provides the elasticity of the components surrounding the lungs, i.e. thorax
and diaphragm. According to Athanasiades et al. [4], the non-linear pressure-
volume curve of Ccw is sigmoidal and can be modeled by

Ptr,cw(t) = Acw−Bcw · log( TLC−RV
Vcw(t)−RV −0.999). (3.15)

The chest wall compliance Ccw is given as follow:

Ccw(t) = TLC−RV
Bcw

·
exp(Acw−Ptr,cw(t)

Bcw
)

[exp(Acw−Ptr,cw(t)
Bcw

) +0.999]2
. (3.16)

TLC is the total lung capacity, RV is the lung residual volume, Acw and Bcw
are constants. Applying parameters given in [4] will result in a maximum chest
wall compliance of 0.3 L/cmH2O, which is comparable with the average value
of approx. 0.2 L/cmH2O given in literature [68,96,173].
The parameter Acw from [4] causes a pressure drop over the chest wall Pcw =

0cmH2O and a pleural pressure Ppl = 0cmH2O at normal filling volume of the
lungs. In normal condition of 3 L lung volume, a negative pleural pressure
Ppl ≈ −5cmH2O occurs [68]. In other words, the lungs are stretched and the
chest wall is shrunk at FRC. Models which use two compliances in series need
to be extended to present this negative pleural pressure. One solution is the
introduction of the extended pleural pressure source PPE, which incorporates
the pre-stress of the chest walls and lung tissue. If PPE is set to 10cmH2O,
the pressure gradient between chest wall and lung tissue will be around this
physiological value [96]. This pleural-extended model succeeds in not only
presenting the well-known PV characteristics of the chest (Fig. 3.14), but also
a negative pleural pressure of Ppl ≈−5cmH2O.
It should be noted that PPE does not present any physiological pressure

source within the pleural space, but rather the preload of lung and chest wall
at FRC. Another, equivalent way to model the negative pleural pressure is
to initialize the lungs and chest wall with a starting volume and modify the
pressure-volume relationship with a shift in that volume.

3.2 The two-degree-of-freedom model

The degree of freedom (DOF) of a mechanical system is the number of in-
dependent variables which are needed to describe that system entirely. The
configuration of the respiratory system as a series of the airways/airspace,
the tissue, and the thorax can be expressed in terms of one single variable,
the volume. In this consideration, the respiratory system has one DOF. The
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3 Respiratory modeling

bronchial-alveolar parallel-structure gives the system another DOF. The over-
all structure of the 2-DOF model is illustrated in Fig. 3.13. Rp,Cb,Calv, and
Ccw are non-linear components.
The 2-DOF model is especially useful for simulating lung mechanics during

spontaneous breathing and mechanical ventilation, where the respiratory rate
does not exceed 1 Hz (60 cycles per minute). High frequency components of the
respiratory system such as inertance, upper shunt compliance (cheek vibration)
are insignificant in this frequency range.
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R cw
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C cw

P
pl
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Figure 3.13: The two-degree-of-freedom lung model for low (physiological)
frequencies. Rp,Cb,Calv, and Ccw are non-linear components.

3.2.1 Parametrization and implementation
For a healthy human during spontaneous breathing, parameter values may be
obtained from literature by the following considerations:

• A constant central resistance Rc = 1cmH2OL−1 s is assumed, which is
approximately 25% of the airway resistance [68].

• The peripheral resistance Rp is given by eq. (3.7). The cumulative volume
of the peripheral airways is estimated to be about 50mL. At this volume,
peripheral resistance is approx. 75% of the airway resistance [68].

• The pressure-volume characteristics of the bronchi and alveoli are given
in eq. (3.11) and eq. (3.14). Parameters are given in Tables 3.2 and 3.3.

• Lung tissue compliance is assumed to be constant Cti = 1L/cmH2O.

• The extended pleural pressure is modeled as constant PPE = 10cmH2O.

The total respiratory compliance is given as:
1

Ctotal
= 1

Clung
+ 1
Ccw

= 1
Ctissue

+ 1
Cb +Calv

+ 1
Ccw

,
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Figure 3.14: Implemented chest wall compliance according to [4]: (1) is the
original curve; (2) is the curve after adaption of Acw, and (3) after adaption of
PPE. Ppl is negative at lung volume < 4.25 L [142].

The maximum value of Ctotal is equal to 0.23 L/cmH2O in our model.

With the introduction of PPE, Acw needed to be adapted to achieve the
original chest compliance curve (Fig. 3.14). The parameters of the chest wall
and pleural space are given in Table 3.4.

Respiratory muscles

Consisting of the diaphragm and the intercostal muscles, the respiratory mus-
cles provide the pressure gradient to inflate and deflate the lungs. In the pro-
posed model, the pressure source is connected to the chest wall Ccw on one side
and to the atmosphere at the body surface on the other side. The alignment
of the pressure source in the circuit can be chosen corresponding to a negative
or positive Pmus. With the alignment shown in Fig. 3.13, Pmus becomes more
negative during inspiration, causing a fall in pleural pressure which drives air
into the alveoli and enlarge the thorax cavity. Since the pleural pressure Ppl
has been shown to have an exponential form in healthy subjects [96], Pmus is
also likely to have an exponential form.

The implementation of Pmus is illustrated in Fig. 3.15. A periodic rectangu-
lar pulse generator and a resistance-compliance (RC) network (Voigt model of
visco-elastic behavior) is used to generate the signal.
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Table 3.2: Parameters of the collapsible airways
Resistance Compliance

Value Parameter Value
V1 0.05 V0 -0.0872
R1 3 P0 7.4414

Vmin 0.005 λ 18.3776
Popen 5

Table 3.3: Parameters of the alveoli compartment.
Parameter Value Unit
V0 3.05 L
λ 0.3922 L−1

c 0.1176 -
P0 −0.8409 cmH2O

Table 3.4: Parameters of the chest wall and pleural space.
Parameter Value Unit
TLC 5.6 L
RV 1.3 L
Acw 7 cmH2O
Bcw 3.5 cmH2O
PPE 10 cmH2O

3.2.2 Simulation results

Dynamic and static behaviors of the respiratory system

To demonstrate the behavior of the respiratory system during spontaneous
breathing, a simulation is performed with a respiratory rate of 0.2Hz (12
breaths/min) and inspiration time of 2s. The amplitude of Pmus is set to
5cmH2O. Figure 3.16 illustrates the simulative results including lung volume,
alveolar, interstitium, and pleural pressure.
During inspiration, pleural and alveolar pressures decreases below Patm, so

that air enters the lungs and loads the compliances. At the end-inspiratory
phase, minimal pressures occurs equal to Pint =−7.1 cmH2O in the interstitium
and Ppl = −8.3 cmH2O in the pleural space. FRC is 2.5 L, and tidal volume
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Figure 3.15: The respiratory muscles Pmus during spontaneous breathing,
generated by a pulse generator and a RC network [142].
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Figure 3.16: Respiratory pressures and volumes during spontaneous breath-
ing [142]. (1): Literature values, reproduced from [68], (2) Simulation results
with a functional residual capacity of 2.5L.

VT is 500 mL. At end-expiration (t≈ 45 s), the pleural pressure is Ppl =−5.74
cmH2O, the interstitial pressure Pint =−4.94 cmH2O, and the alveolar pressure
is slightly positive Palv = 0.015 cmH2O. All values and dynamics described
in [68] can be simulated successfully.
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Static pressure-volume relationship during mechanical ventilation

During mechanical ventilation, the monitoring of lung mechanics via PV char-
acteristics is important, since lung over-stretching can occur if airway pressure
exceeds 30cmH2O [17]. For simulation purposes, a model of the mechani-
cal ventilator is constructed, which can provide pressure-controlled or volume-
controlled ventilation modes. Incremental increases of PEEP and PIP are
applied to investigate the dynamic response of lung mechanics to PEEP. The
respiratory muscles are deactivated as soon as mechanical ventilation starts.
The total respiratory compliance Ctotal was calculated as the quotient of the
tidal volume VT and the overall pressure drop [111]:

Ctotal = VT
PIP−PEEP . (3.17)

Analogously, lung compliance is the quotient of VT and the pressure drop over
the lung, which was measured continuously during the simulation.
Figure 3.17, top three diagrams present the results including alveolar and

pleural pressure, lung volume, and lung and total compliance. Fig. 3.17, bottom
panel presents the simulated static PV characteristics of lungs and chest wall
compared to literature data reconstructed from [96]. At FRC, the pressure
of lungs and thorax are opposite and equal, which results in a zero overall
pressure.
Ppl becomes positive at high ventilation pressures Pven > 15cmH2O. Total

compliance decreases from 0.124 L/cmH2O at PEEP= 0 to 0.03 L/cmH2O at
PEEP= 25 cmH2O due to the implementation of non-linear compartments. As
a result of this stiffness change, tidal volume falls from 1.241 L (PEEP=0) to
0.272 L (PEEP=25). The mean pressure and volume of each PEEP setting fit
exactly in the static PV-relationship of lung and thorax. The operating point
of the system moves upwards from A (PEEP=0) to F (PEEP=25) regarding
the increasing PEEP. Simulation results demonstrate the ability of the model
to quantify the non-linear change in tidal volume and compliance during a
PEEP-trial.

3.2.3 The linearized respiratory model
Linearization and parametrization

Applying the model for spontaneous breathing with normal tidal volume, the
non-linear behavior in pressure-volume or pressure-flow relationships can be
replaced by linear resistances and compliances. The result of this process is the
linearized model. For simplification, we keep the same notation for the linear
model as used in the non-linear one. In high dynamic measurement techniques
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Figure 3.17: Top three diagrams: ventilation pressures, lung volumes and
compliance during a PEEP trial. PEEP was incrementally increased from 0
to 25cmH2O, PIP was set equal to PEEP +10cmH2O. Bottom graph: Static
pressure-volume loop of lung and chest wall. (1): Literature values, reproduced
from [96], (2): Simulation results. A-F mark the operating points of the system
for each set of PEEP and PIP [142].

such as interrupter or forced oscillation technique, the system inertance I and
upper airway compliance (cheek vibration) Cmouth need to be considered. The
new linear model is illustrated in Fig. 3.18.
Typical parameter values of the linear model are:

• Ccw = 0.3; Rcw = 1
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Figure 3.18: The linear lung model with inertance and upper shunt compliance.

• Cti = 1; Calv = 0.2; Cb = 0.004

• Rp = 2; Rc = 0.15; I = 0.01.

• Cmouth is between 0.0001667 (cheek supported and 0.001 (cheek unsup-
ported)).

• The overall resistance and compliance of the system are

Rrs = Rc +Rc +Rcw = 0.35
Clung = (Calv +Cb)||Cti = 0.1667 (3.18)
Crs = Clung||Cchest = 0.1

Resistances, inertance, and compliances are given in cmH2O/L/s, cmH2O/L/s2,
and L/cmH2O, respectively. Values are taken by linearizing the non-linear
model as well as from literature [10,210].

Alteration of model parameters under pathological conditions

Model parameters alter under pathological conditions. The following alter-
ations, which correspond to clinically relevant diagnoses, are of interest [210]:

• Central obstruction: increase in central resistance Rc = 5 (grade 1); Rc =
10 (grade 2).

• Peripheral obstruction: increase in peripheral resistance, main cause of
asthma and COPD, Rp = 5 (grade 1); Rp = 10 (grade 2).

• Pulmonary restriction: reduction of alveolar or tissue compliance Calv =
0.02; Cti = 0.01.

• Thoracic restriction: reduction of thoracic compliance Ccw = 0.03.
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3.3 Model-based analysis of the interrupter technique

• Bronchial sclerosis: decrease in bronchial compliance Cb = 0.002−0.008.

• Non-obstructive emphysema (over-extension): increase in Calv and de-
crease in Cb; Calv/Cb� 50.

• Obstructive emphysema (non-obstructive emphysema and obstruction):
Calv/Cb� 50 and Rp = 5.

Resistances, inertance, and compliances are given in cmH2O/L/s, cmH2O/L/s2,
and L/cmH2O, respectively.

3.3 Model application: analysis of the interrupter technique

This section analyses the behavior of the respiratory system in the time do-
main aiming to reevaluate the interrupter technique. As introduced in sec-
tion 2.2, this technique provides the resistance based on the assumption that
the pressure at airway opening Pao equilibrates the alveolar pressure Palv di-
rectly after an occlusion. According to Marshall and Dubois [123], the inter-
rupter method measures the total resistance of the whole respiratory system,
including airways, lungs, and chest wall. In the original researches of Bates
and Sly [10,12,14,18,188], which are the basics of the ATS/ERS official state-
ment [19], the authors introduced a computer model of two compartments using
the Otis parallel structure. By setting inhomogeneous airway resistances for
each lung (R1 = 3R2), they suggested that the pendelluft between two lungs is
the main cause of the second rise in Pao after an occlusion. Since these models
contain only airways without any consideration of lung tissue, chest wall, and
respiratory muscles, their explanation on Pdiff seems to be incomplete.
In fact, there is another, widely accepted opinion, that the second rise in

Pao is caused by the respiratory muscles [163]. During the occlusion, these
muscles continue their activities, since the duration is short enough not to
cause any nervous response. Hence, the interrupter technique is also used
in mechanical ventilation to measure the pressure generated by respiratory
muscles in ventilated patients [115, 116, 163]. The airway occlusion pressure
P0.1 measured during the first 100 ms after the occlusion has been reported to
play an important role in patient weaning [85,180].
In this section, we extend our 2-DOF model to describe the system dynamics

during interrupter measurements. The aim of this section is to clarify the role
of the respiratory muscles and the pendelluft phenomenon in the second rise
in Pao.
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3.3.1 Model behavior during an interruption
The equations of motion of the linear system (Fig. 3.18) are given as:

Pmus(t)−Pao(t) = Ptr,cw(t) +RcwV̇lung(t) +Ptr,ti(t) +Ptr,alv(t) +
+RpV̇alv(t) +RcV̇lung(t) + IV̈lung(t) (3.19)

Ptr,b(t) = Ptr,alv(t) + V̇alv(t)Rp (3.20)
Ptr,mouth(t) = Pao(t). (3.21)

Ptr,b and Ptr,mouth are the transmural pressure over the compliance Cb and
Cmouth.
Let ts be the closing time, t−s the moment shortly before and t+s the mo-

ment shortly after closing. The pressures over compliances and the respiratory
muscles do not change during the closing process, i.e.:

Pmus(t−s ) = Pmus(t+s )
Ptr,cw(t−s ) = Ptr,cw(t+s )
Ptr,ti(t−s ) = Ptr,ti(t+s )
Ptr,alv(t−s ) = Ptr,alv(t+s ). (3.22)

Applying eq. (3.19) for t = t−s and t = t+s and subtracting them from each
other leads to:

Pao(t−s )−Pao(t+s ) = (Rcw +Rc)(V̇lung(t+s )− V̇lung(t−s )) +
+Rp(V̇alv(t+s )− V̇alv(t−s ) + I(d(V̇lung(t+s )− V̇lung(t−s ))/dt) (3.23)

Let ∆Pao = Pao(t−s )−Pao(t+s ) and ∆V̇lung = V̇lung(t+s )− V̇lung(t−s ) be the
flow and pressure gradients before and after the closing of the interrupter. The
bronchial volume V̇b is small compared to that of the lung V̇lung (eq. (3.3) and
eq. (3.1)), i.e. the alveolar and total volume can be considered to be equal:
V̇alv = V̇lung− V̇b ≈ V̇lung. Eq. (3.23) becomes:

∆Pao = (Rc +Rp +Rcw)∆V̇alv + I(d(∆V̇alv)/dt) (3.24)

The first term describes the resistive behavior between the pressure and
flow drops before and after an occlusion. The second term I(d(∆Vlung,s)/dt)
corresponds to a Dirac-impulse in ∆Pao,s at t = ts caused by the inertance
I. Neglecting the second term and considering that the flow at the airway
opening becomes zero directly after shutting (perfect valve closing, V̇alv(t−s ) =
0, ∆V̇alv = V̇alv(t+s )), eq. (3.24) becomes:

∆Pao = (Rc +Rp +Rcw)V̇alv(t+s ) = (Rc +Rp +Rcw)V̇ao(t+s ). (3.25)
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3.3 Model-based analysis of the interrupter technique

Comparing eq. (3.25) with eq. (2.11) shown in Chapter 2:

Rint = ∆Pao
V̇ao

,

the relationship of the interrupter resistance Rint and other resistance com-
ponents can be derived as:

Rint =Rc +Rp +Rcw (3.26)
Eq. (3.24) shows that the interrupter resistance, calculated by the quotient

of the pressure gradient over flow drop immediately before and after closing of
the interrupter, is the sum of airway resistance and chest wall tissue resistance.
The chest wall component Rcw includes approx. 30-40% of the total resistance,
thus contributes a significant fraction to the total resistance. During bronchial
challenge or bronchodilator test, the chest wall component is less affected than
the airway resistance. This explains why Rint is less sensitive than the spe-
cific airway resistance sRaw measured with the body plethysmography during
diagnostics of airway obstruction, since sRaw contains only airway resistance
without any visco-elastic damping components [97]. We should keep this point
in mind when performing the interrupter technique.
To analyze the cause of the second rise in ∆Pao,s, a random time instant t

between closing and reopening ts < t < tr is considered. During this period, all
flows in the system remain zero (∆V̇lung = ∆V̇alv = 0), thus eq. (3.19) becomes

Pmus(t)−Pao(t) = Ptr,cw(t) +Ptr,ti(t) +Ptr,alv(t) (3.27)
Since all flows are zero, the volume of the chest wall, tissue, airway and airspace
compartments remain unchanged, and so do the transmural pressures Ptr,cw,
Ptr,ti, and Ptr,alv, i.e.:

Pmus(t)−Pao(t) = const for ts < t < tr (3.28)
Eq. (3.28) indicates that the second rise in Pao(t) is equal to the change in
Pmus(t) during the closing period. This shows that the respiratory muscles
play a mayor role in the second rise and can not be ignored in the model, as
referenced in the ATS/ERS document [10,188].

3.3.2 Simulation-based analysis of the interrupter technique
Eq. (3.24) and (3.26) present the mathematical background of the ideal inter-
rupter technique. In real measurements, several disturbing factors caused by
the system inertance, the imperfect closing process of the shutter, the upper
airway (cheek) compliance, the bronchial compliance, and the pendelluft be-
tween left and right lung occur. Matlab Simscape™ provides a sophisticated
tool to investigate the influences of these disturbances.

59



3 Respiratory modeling

Effect of the respiratory muscles

First, we demonstrate an ideal interruption, in which the inertance, mouth
and bronchial compliances are set to zero. An interruption during inspiration
is realized at t= ts = 17.4 s for 0.2 s by an ideal switch-element in Simscape™.
The closing and releasing processes are also assumed to be ideal. Simulation
results for spontaneous breathing are shown in Fig. 3.19. In the left graphic,
Pmus is set to normal spontaneous breathing pressure as shown in Section 3.2.
In the right graphic, Pmus remains constant while the shutter is closed. This
holding corresponds to the Hering-Breuer Inflation Reflex in infants and young
children (see Section 2.2.4). Note that in infants, an expiration starts directly
after a HBIR inspiratory pause, which is not considered in the simulation.
In the left graphic, flow and pressure change abruptly after closing the valve

at t = 17.4 s. The pressure exhibits two rises: one jump direct at the moment
of closing and one ramp between 17.4 s and 17.6 s. As a contrast, the right
graphic, simulating a constant Pmus during interruption, does not exhibit any
ramp in Pao after the first jump. This pressure remains unchanged for constant
Pmus.
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Figure 3.19: Flow and pressure at airway opening, as well as respiratory mus-
cles Pmus during an ideal interrupter. Shutter is closed at 17.4 s and released at
17.6 s. Left: normal Pmus. Right: Pmus is hold as constant while the shutter is
closed.

The interrupter (total) resistance can be computed as the ratio ∆Pao/∆V̇ao
marked in the left graphic. The simulation results demonstrate that the second
rise in Pao is directly related to the change in the respiratory muscles Pmus.
While the first rise is believed to related to the airway resistance and the second
rise to the tissue resistance in some literatures, as reviewed in [101], our model-
based analysis and simulation results strongly support another physiological
explanation: the interrupter resistance, which causes the first rise, consists of
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3.3 Model-based analysis of the interrupter technique

airways and tissue/chest wall damping, while the second rise is caused primarily
by the respiratory muscles.

Effect of disturbances

Pressure and flow measured at airway opening are affected by several distur-
bance factors: inertance, bronchial and upper airways, and imperfect valve
closing. These effects can be demonstrated by adding disturbing components
to the model. The simulation results are depicted in Fig. 3.20.

• Figure 3.20 (A) presents the effect of the inertance I (eq.(3.24)) as a
Dirac-impulse, appearing directly after valve closing.

• The effect of the bronchial compliance Cb can be analyzed considering V̇b
> 0 (compared to eq. (3.23)). This models the distention of the bronchi
right after closing the valve. A charging process occurs between alveolar
and bronchial compartments right after closing the valve with the time
constant τb given as:

τb =Rp ·
Cb ·Calv
Cb +Calv

(3.29)

τb has a typical value at 2 · 0.20.004
0.204 = 0.0078 s. This value is ten times

smaller than the normal duration of an interruption (100 ms). Figure 3.20
(B) displays the charging process caused by Cb. The small time constant
makes this disturbance relatively insignificant to the measurement.

• Similar to the bronchi, the upper airway (cheek) is also distended during
the valve closing process. Its time constant is related to resistances and
compliances of the entire system Cmouth:

τmouth = (Rc +Rp +Rcw) · 1
1
Ccw

+ 1
Cti

+ 1
Calv

+ 1
Cmouth

.

≈ Rint ·Cmouth, since Cmouth� Calv,Cti,Ccw(3.30)

The typical value of τmouth is estimated to be around 3.1 ms for small
Cmouth = 0.001 (with supported cheek) and 28.6 ms for large Cmouth =
0.01 (without supported cheek). Although a small cheek compliance is
insignificant for the measurement of pressure, as shown in Fig. 3.20 (C),
an unsupported cheek can cause a delay in the result, as displayed in
Fig. 3.20 (D). In contrast to the bronchi, the effect of the cheek compli-
ance on the results can vary among measurements due to the execution
of the test and the cooperation of the patient.
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Figure 3.20: Simulated flow and pressure demonstrating the effect of different
disturbances in the interrupter technique. (A-F) Holding of Pmus during inter-
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3.3 Model-based analysis of the interrupter technique

• The shutting of a valve is a dynamic process on it own, which depends
on the construction and manufacturing of the valve. To demonstrate
the effect of the valve on the measurement, we replace the ideal switch
by a conductance that falls linearly from 103 to 10−10 within 15 ms, as
reported in [10]. The result is illustrated in Fig. 3.20 (E). The 12 ms
period can be observed in the simulated flow and pressure, which does
not exhibit a typical exponential charging curve. Its form depends on the
change of the conductance (or resistance) during the valve closing. The
opening of the valve is demonstrated as ideal without any delay.

• The combination of all introduced disturbances are displayed in Fig. 3.20
(F), (G), and (H). In Fig. 3.20 (G) and (H), the respiratory muscles are
reactivated. All pressure responses exhibit dynamic behavior which can
be observed in literature [65, 101]. The plotted curve has the form of a
DT2 response describing a system consisting of one inertance and two
compliances.

3.3.3 Pendelluft and the Otis parallel model structure
The Otis-parallel structure is based on the consideration of the lungs as a bi-
furcation of two RC-pathways connected in parallel [157]. This representation
of the lungs, referred to as the "bifurcation model", focuses on the pulmonary
compartment differences to explain the frequency behavior of the parameters
and even the asynchronous ventilation between the lungs [157]. Bates and
Sly [10, 188] applied this model to the interrupter technique and proposed the
effect of pendelluft1 as the main reason for the second rise in airway pres-
sure. However, they did not consider the influence of the chest wall and the
respiratory muscles.
We extend our linear model by the Otis-parallel structure to the model shown

in Fig. 3.21. The model has two branches, each one consists of one resistance
and one compliance. During the interruption period, if there is a pressure
gradient between the two compliance C1 and C2, there will be a redistribution
process of air between the two compartments with the time constant τpendel:

τpendel = (R1 +R2) · C1 ·C2
C1 +C2

(3.31)

Let R1 = 1,R2 = 3cmH2O/L/s and C1 = C2 = 0.05L/cmH2O as used in [10],
τpendel can be calculated to (1+3) · (0.05∗0.05)/0.1 = 0.1s. This time is large

1The German word "Pendelluft" refers to the movement of air back and forth between
the lungs. It is thought to increase the respiratory dead zone and cause ventilation
inhomogeneity between the lungs.
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Figure 3.21: The linear lung model with the Otis-parallel structure.

enough to have an influence on the pressure change during the interruption
time, as illustrated in Fig. 3.22 (I). If the resistance distribution is inhomoge-
neous, but the time constants are equal, for example R1 = 1,R2 = 3cmH2O/L/s
and C1 = 0.075,C2 = 0.025L/cmH2O; τ1 = τ2 = 75ms, the second rise caused
by the pendelluft disappears (simulation 3.22 (J)).
Adding I, Cmouth, and Pmus to the model results in more realistic simulation

results (Fig. 3.22 (K) and (L)). It is obvious that the impact from Pmus is likely
dominant in the second rise in Pao. It should be noted that the inhomogeneity
of R1/R2 = 1 : 3 has previously been assumed by the group of Bates [14, 188],
which may corresponds to a severe obstruction. In healthy adults, no signif-
icant inhomogeneity is expected (typical values are 53% to 47%, as reported
in [186]). Since the second rise in Pao can always be observed in measurements
with the interrupter technique, even in healthy subjects, we do not support
the idea of the pendelluft as the main cause of the second rise as mentioned
in the ATS/ERS document [19]. In future works, the effects of the pendelluft
during the interrupter technique should be further reevaluated in larger stud-
ies, possibly in combination with the Electrical Impedance Tomography (see
Chapter 6).

3.4 Summary

This chapter presents a novel biophysical (forward) model of respiratory me-
chanics. Following the object-oriented compartment modeling, we subdivided
the system into upper and central airways, peripheral (bronchial) airways, tis-
sue, pleura and chest wall. The model considers significant non-linearities of
model components. Simulation results demonstrate the high performance of
model responses compared to data from literature. The model can be used to
monitor the change of the compliance during mechanical ventilation.
Analyzing respiratory mechanics during spontaneous breathing, model lin-

earization should be applied for simplification. We investigate the system re-
sponses of the linear model to reevaluate physiological interpretation of the
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Figure 3.22: Simulated flow and pressure demonstrating the effect of the pen-
delluft in the interrupter technique. (I-K) Holding of Pmus during interruption
duration. (I) different time constants between two compartments. (J) same time
constants in both compartment. (K) I with inertance and cheek compliance. (L)
I with Pmus.

interrupter technique. The interrupter resistance Rint is composed by the air-
ways and visco-elastic (tissue and chest-wall) resistances. The second rise in
Pao is mainly caused by the respiratory muscles Pmus in adults and children.
There is a need for a deeper investigation on effects of the pendelluft during
the tests.
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4 Model-based parameter estimation with the forced
oscillation technique (FOT)

Look at situations from all angels,
and you will become more open.

Dalai Lama XIV

This chapter focuses on the dynamic response of the respiratory system in
the frequency domain. As introduced in Chapter 2.2, the forced oscillation
technique (FOT) measures the respiratory impedance Z(jω) over a range of
frequencies. Although FOT has a high potential use in infants, young children,
and sleeping patients, clinical use of FOT is still limited. Medical workers
usually have trouble interpreting the real and imaginary part of the complex
impedance Z(jω). Moreover, current physiological interpretation of Z(jω) by
means of different modeling approaches is controversial, even in the ATS/ERS
guidelines [19].
First, this chapter presents a FOT measurement system and the computation

of Z(jω) in the frequency domain. Second, a discussion on the limitation of
the existing models will be given, followed by new approaches and hypotheses
for parameter estimation using FOT. Third, the chapter discusses the use of
FOT in combination with nasal masks.

4.1 Measurement of respiratory impedance

The FOT device used in this research is the Philips Respironics CoughAssist
E70 (Philips, Eindhoven, The Netherlands). The function of this device is
based on the generation of high frequency oscillations superimposed on a pos-
itive pressure, then rapidly shifting to a negative pressure to generate a high
expiratory flow rate for secretion clearance. In combination with a pneumota-
chograph, the CoughAssist functions as a FOT device that generates sinusoidal
vibrations. During our FOT measurements on volunteers, the device applied
oscillation at an amplitude of 4cmH2O and frequencies between 3 and 20Hz
superimposed on a positive baseline pressure at 4cmH2O. Test subjects were
connected to the FOT device through a tube, a bacteria filter, and a mouth
piece.
Flow and pressure were recorded at the subject’s airway opening with a Hans

Rudolph linear Fleisch pneumotachometer (Hans Rudolph, Kansas, USA) at
1 kHz sampling rate. The sensor was heated to 37◦C to prevent condensation
on the internal mesh. The signals were sent to a Hans Rudolph Pneumotach
Amplifier Series 1110 (Hans Rudolph, Kansas, USA) and converted into ana-
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logue voltage signals. A National Instruments USB.X Series Multifunction
DAQ (National Instrument, Texas, USA) was used to capture data at 1kHz
sampling rate. Data analysis is performed in MATLAB 2015b (The MathWorks
Inc., Natick, Massachusetts, USA).

Data analysis in the frequency domain

The calculation of the respiratory impedance Z(jω) is performed in the fre-
quency domain. A second-order Butterworth IIR filter with a bandwidth of
0.2Hz and the center frequency equal to the oscillation frequency is applied
on Pao(t) and V̇ao(t) to separate the oscillation from the spontaneous breath-
ing (Fig. 4.1). To achieve a zero phase shift, the filter is applied forward and
backward over the data.
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Figure 4.1: Left: Amplitude of the frequency response of the Butterworth-
bandpass filter second order, fos = 7Hz. Right: fast Fourier transform of the
flow amplitude before and after applying the bandpass filtering.

The calculation of Z(jω) is possible via two methods: the fast Fourier trans-
form (FFT) and the windowed cosine fitting (WCF).

Fast Fourier transform

The fast Fourier transform (FFT) splits a signal into a sum of cosine waves
of different frequencies, amplitudes, and phases. Considering one oscillation
frequency ω = ωos, the amplitude and phase of Z(jωos) can be determined by
the amplitude and phase of the fast Fourier transformed pressure and flow at
ω = ωos:

|Z(jω)|ω=ωos = |P (jωos)|
|V̇ (jωos)|

(4.1)

ϕ(jω)|ω=ωos = ϕP (jωos)−ϕV̇ (jωos). (4.2)
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4.1 Measurement of respiratory impedance

The complex impedance of the bacteria filter was measured separately and
subtracted from Z(jω) to achieve accurate values for respiratory impedance.
Alternatively, Z(jω) can be calculated by the mean Fourier crossspectrum

SPV̇ and autosprectrum SV̇ V̇ of the pressure and flow signals:

Z(jω)|ω=ωos =
SPV̇ (jω)
SV̇ V̇ (jω) |ω=ωos (4.3)

Cosine and windowed cosine fitting:

The bandpass-filtered flow and pressure signals comprise only one frequency
component:

P (t) = AP · cos(ωt+φP )
V̇ (t) = AV̇ · cos(ωt+φV̇ ),

where A, φ are amplitude and phase, respectively. Fitting the data with these
cosine functions at each oscillation frequency ωos results in amplitude and phase
of Z(jω).

Cosine fitting : (4.4)

ZR(ωos) = Re{Z(jωos)}= AP
AV̇
· cos(ϕP −ϕV̇ )|ω=ωos

ZX(ωos) = Im{Z(jωos)}= AP
AV̇
· sin(ϕP −ϕV̇ )|ω=ωos

Performing the cosine fitting for a finite-length window with N data samples
of P (t) and V̇ (t) and sliding that window over the whole measurement dura-
tion, Z(jω) can be computed as an function of time [91]. For each N samples
of the current sliding window, the amplitudes and phases AP , AV̇ , φP and φV̇
are determined by applying Least-Squares fitting. The computed impedance
is considered to be the value at the middle position of the window (N/2).

Windowed cosine fitting : (4.5)
ZR(ωos, tN +N/2) = AP /AV̇ · cos(φP −φV̇ )|ω=ωos

ZX(ωos, tN +N/2) = AP /AV̇ ·sin(φP −φV̇ )|ω=ωos ,

where tN is the start position of the window.
An exemplary window size of 0.4s gives N a value of 400 at 1 Hz sampling

rate. The WCF method is a combination of the time and frequency domains.

69



4 Model-based parameter estimation with the forced oscillation technique (FOT)

1.5

2.5

1.0

-1.0

0.5

0.0

-0.5

-1.5
3 5 6 7

Frequency (Hz)
201510R

es
is

ta
n
ce

(c
m

H
O

/L
/s

)
2

|Z
  
|

R
ea

ct
an

ce
 |Z

  
| (

cm
H

O
/L

/s
)

2

8 9 12 3 5 6 7
Frequency (Hz)

2015108 9 12

2.0

3.2

3.6

3.0

2.8

2.6

3.4

2.4

Fast Fourier transform

Windowed cosine fitting

Cosine fitting

Windowed cosine fitting

Fast Fourier transform

Cosine fitting

XR

Figure 4.2: Representative resistance and reactance measured on one healthy
subject. Calculation of Z(jω) with three different methods: fast Fourier trans-
form, cosine fitting and windowed cosine fitting.

Results

Fig. 4.2 shows representative data of the respiratory impedance from one test
subject. The resulting reactance shows a positive trend with a resonance fre-
quency at about 7Hz. The resistance shows a negative frequency gradient from
3.4 to 2.6cmH2O/L/s. The different methods provide almost the same values
for resistance and reactance.

4.2 Modeling and parameter identification

4.2.1 A survey of lung models used in Forced Oscillation Technique

A physiological interpretation of Z(jω) can be made in combination with math-
ematical (greybox)-modeling and parameter estimation. The simplest model of
the respiratory system in oscillometry is the serial RIC-network (Fig. 4.3(F)).
The inertance, which can be neglected for respiratory frequencies under 2Hz as
in spontaneous breathing and mechanical ventilation, contributes a significant
part to Z(jω) at higher frequencies:

ZRIC(jω) =R+ jωI+ 1
jωC

. (4.6)

The extended-RIC model (Fig. 4.3(G)) has a peripheral resistance Rp added
in parallel to the compliance C to fit the frequency-dependency of the impedance’s
real part to experimental data [9, 39, 84, 145]. Physiologically, Rp is thought
to correspond partially to the airway resistance of the proximal airways. C is
thought to be lung compliance [39, 84], Rc the central resistance, and I the
inertance. However, this common interpretation of C seems to be incorrect
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4.2 Modeling and parameter identification

and will be discussed later in this chapter. The total impedance of the model
is given as:

ZeRIC(jω) =R+ Rp
1 +(ωRpC)2 + j

(
ωI−

ωR2
pC

1 +(wRpC)2

)
(4.7)

R I C
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(F): RIC

(H): augmented RIC

(G): extended RIC

p

R I
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R
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C

e

cw

Cl

(I): Mead

c

Figure 4.3: Lung models in oscil-
lometry. c = central, p = periph-
eral, b = bronchial, aw = airway,
cw = chest wall, s = static, ve =
visco-elastic, e = extra-thoracic, t
= tissue, g = gas.

The augmented-RIC model (Fig. 4.3(H))
is an extension of the extended-RIC model
complemented by the extrathoracic compli-
ance Ce. This component presents the up-
per shunt caused by the cheeks and tongue’s
movements during the measurement proce-
dure, and is relevant for frequencies above 20
Hz. By having the subjects supporting their
cheeks with their hands during the measure-
ments, the influence of Ce can be reduced for
lower frequencies [210].
Mead was the first to introduce the parallel

structure of a bronchial compliance Ce and
a series of peripheral resistance Rp and lung
compliance Cl [127, 128]. He also assumed a
bronchial compliance to be about 1/40 that
of the lung parenchyma. Later, an extra-
thoracic compliance Ce and a chest wall com-
ponent Ccw were added into the model. The
Mead model with its 7 elements (Fig. 4.3(I))
is very common in parameter estimation with
FOT. However, unphysiological values for Cl
and Ccw were reported [39, 40, 84] that have
not been completely understood and limit
the use of the model in praxis.
The DuBois model (Fig. 4.4(K)) consid-

ers a central resistance Rc, an inertance I,
an gas compression module Cg in parallel
with a tissue compartment of resistance Rti,
compliance Cti, and inertance Iti. Although
the DuBois’ model [43] has a similar parallel
structure as the Mead model, they are com-
pletely different in physiological interpreta-
tion of the parameters.
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Figure 4.4: Lung models in oscil-
lometry. c = central, p = periph-
eral, b = bronchial, aw = airway,
cw = chest wall, s = static, ve =
visco-elastic, e = extra-thoracic, t
= tissue, g = gas.

Another model with a serial structure and
relatively high biased estimates is the vis-
coelastic model (Fig. 4.4(J)). It is based on a
separation of static components (Rc, Cs) and
viscoelastic ones (Rve, Cve) [39]. It is easy
to recognize the correspondences between the
viscoelastic and the Mead model. Ignoring
I, Ce, and Cl, and switching the position of
Ccw in the Mead model, both become iden-
tical. In spite of that, again, both models
have different interpretation for Ccw, Rp, Cb
against Rve, Cs, and Cve.
Researches from the groups of Hantos and

Bates [9, 11, 72] support the idea of a non-
linear constant phase model (Fig. 4.4(L)),
which is an extension of the DuBois and vis-
coelastic models. Based on the tissue char-
acteristics observed in rubber balloon and
cat lungs [81], they introduced the constant
phase model as a series of airways and tis-
sue compartments. They replaced the tissue
part of the DuBois model by a construction
of a non-linear, frequency dependent tissue
damping G and tissue elastance H. The to-
tal respiratory impedance Z is calculated as

Zconstant−phase =Rc + jωI+ G− jH
ωα

(4.8)

where α is a constant-phase parameter linking G and H through the equation:
α= 2

π arctan(HG ).
Average estimated results obtained from five healthy male adults are shown in

Fig. 4.5 and in Table 4.1. R, L, and C are given in cmH2O/L/s, cmH2O/L/s2,
and L/cmH2O, respectively. While the values of eRLC differ slightly from RLC
model, there are no significant differences between eRLC and aRLC.

4.2.2 Model-based analysis
The ATS/ERS recommendations for FOT published in 2003 [155] are focusing
on methodology, technical recommendations, and clinical findings regarding
the measurement of Z(jω). However, they do not include any comments on
the underlying physiological models of Z(jω). Different study results from
Diong et al. [39,40] and Ionescu [84] lead to similar observations:
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Table 4.1: Parameters for RIC, extended-RIC, and augmented-RIC models.
Values are averaged from 5 healthy adults. R, L, and C are given in cmH2O/L/s,
cmH2O/L/s2, and L/cmH2O, respectively.

RIC eRIC aRIC
R 1.8464(±0.5978) 1.5607(±0.6252) 1.5607(±0.6252)
I 0.0131(±0.0049) 0.0141(±0.0054) 0.0141(±0.0054)
C 0.0313(±0.0051) 0.0253(±0.0072) 0.0253(±0.0072)
Rp 3.9444(±1.1611) 3.9444(±1.1611)

Ce.1013 6.3738(±12.779)
RSS 0.9701(±0.5096) 0.3578(±0.1345) 0.3578(±0.1345)

1. Although the 7-element Mead model has the smallest estimation errors,
its estimated alveolar and chest wall compliances are unphysiological.

2. The estimated compliance in the RIC, eRIC, and aRIC models is one
order smaller than normal compliance values known from spontaneous
breathing.

3. The visco-elastic and the DuBois model have a similar structure with the
Mead model, but the physiology is completely different.

4. The tissue resistance in the constant phase model alters strongly between
healthy and obstructive patients, which is also unexpected.

All these points have not been understood in the current state-of-the-art. In
this part, based on the developed model introduced in Chapter 3, we pro-
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4 Model-based parameter estimation with the forced oscillation technique (FOT)

pose physiological hypotheses and mathematical proofs to explain the above
mentioned questions.

First simplification: from 9-element model to 7-element Mead models

The 9-element model, as developed in Chapter 3, is illustrated in Fig. 4.6. First

RcVFOT

ao

Rp

Cb

Rcw
Calv Cti Ccw

Cmouth

Iao P
alv

P

Figure 4.6: The linearized lung model with 9 elements.

neglecting the cheek compliance Cmouth, the overall impedance is given as:

Z(jω) =Rc +jωI+Rcw +
Rp− j

(
ωR2

pCb + 1
ωCalv

(
Cb
Calv

+ 1
))

(ωRpCb)2 +
(
Cb
Calv

+ 1
)2 + 1

jωCti
+ 1
jωCcw

.

(4.9)
Combining the central and chest wall resistances Rc+cw = Rc +Rcw, as well

as the tissue and chest wall compliances Cti+cw = CtiCcw
Cti+Ccw

, eq. (4.9) becomes:

Z(jω) =Rc+cw + jωI+
Rp− j

(
ωR2

pCb + 1
ωCalv

(
Cb
Calv

+ 1
))

(ωRpCb)2 +
(
Cb
Calv

+ 1
)2 + 1

jωCti+cw
.

(4.10)
Now, adding the cheek compliance Cmouth, the model structure (4.10) is iden-
tical with the model of Mead (Fig. 4.3(K)). In other words, our model is indeed
an extension of the Mead model. First, the central resistance as proposed by
Mead should contain thorax (and tissue) resistive components Rcw. Second,
his proposed chest wall compliance Ccw should comprise the tissue elastance
Cti as well.
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4.2 Modeling and parameter identification

Second simplification: from 7-element Mead model to extended- and
augmented-RIC model

The bronchial compliance Cb is much smaller than the alveolar compliance Calv
(eq. (3.3)): Vb

Valv
(≈ 1/50− 1/30). Again, considering the impedance without

Cmouth, Z(jω) can be further simplified as:

Z(jω) =Rc+cw + jωI+
Rp− j

(
ωR2

pCb + 1
ωCalv

))
(ωRpCb)2 + 1 + 1

jωCti+cw
, (4.11)

with the real part
ZR(ω) =Rc+cw + Rp

(ωRpCb)2 + 1 (4.12)

and the imaginary part

ZX(ω) = ωI−
ωR2

pCb + 1
ωCalv

(ωRpCb)2 + 1 −
1

ωCti+cw
. (4.13)

The imaginary part can be further simplified:

ZX(ω) = ωI−
ω2R2

pCbCti+cw + Cti+cw
Calv

− (ωRpCb)2−1

ωCti+cw((ωRpCb)2 + 1)

≈ ωI−
ω2R2

pCbCti+cw− (ωRpCb)2

ωCti+cw((ωRpCb)2 + 1) , since Cti+cw
Calv

≈ 1

≈ ωI−
ω2R2

pCb(Cti+cw−Cb)
ωCti+cw((ωRpCb)2 + 1) (4.14)

≈ ωI−
ω2R2

pCbCti+cw
ωCti+cw((ωRpCb)2 + 1) , since Cti+cw� Cb

≈ ωI−
ωR2

pCb
(ωRpCb)2 + 1 (4.15)

The derived real and imaginary parts (eq. (4.12) and (4.15)) are identical with
the extended-RIC model in eq. (4.7). Considering the parallel cheek compliance
Cmouth, we get the augmented-RIC model.
This analysis yields two important scientific findings:

• The difference in the dimension (almost 30 -50 times larger) between the
"large" compliances (alveolar, tissue, chest wall) and the small bronchial
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compliance Cb leads to the dominance of Cb in the respiratory impedance
Z(jω). In other words, Z(jω) is not sensitive for the measurement of alve-
olar, tissue, chest wall compliances. As a result, Calv and Ccw estimated
with the Least-Squares method for the Mead model are unphysiologi-
cal, as reported in the works of Diong [39] and Ionescu [84]. A detailed
sensitivity analysis of the Mead model is given in Appendix A.4.

• The RIC, eRIC and aRIC models are simplifications of the Mead model.
The "respiratory compliance" C in these three models corresponds to the
bronchial compliance C = Cb. In other words, the compliance measured
by FOT and estimated with these three models is the bronchial compli-
ance Cb. This explains why the compliance estimated in FOT (as shown
in Section 4.2 or reported in [39, 84]) yield values which are one order
smaller than typical value for lung compliance known from spontaneous
breathing and mechanical ventilation.

Physiological explanation of the DuBois, visco-elastic, and constant-phase
models

The DuBois model has the Mead model’s parallel structure. However, the
physiological interpretation of the parameters is different: it comprises a tissue
compartment (Rti, Iti and Cti) instead of the peripheral and alveolar com-
partment, a parallel gas compression compliance Cgas instead of Cb. In fact,
after DuBois introduced this structure in 1956 [43], measurements published
by other authors have shown that the influence of gas compression and tissue
resistance is rather insignificant in FOT measurements. The gas compression
compliance is estimated to be around 1/600L/kPa = 0.00017L/cmH20 [14] in
healthy adults, which is at least 20 times smaller than the normal value of
Cb. If this compliance is indeed Cb, the other parallel branch must be the pe-
ripheral and alveolar compartments, since a parallel structure between tissue
and bronchi is unphysiological. Moreover, tissue resistance has also reported
to be small in several researches (1% [51], 7.41% [129], and 12.77% [31] of the
total resistance, several times smaller than the estimated peripheral resistance.
Hence, it cannot have a major contribution on the total resistance.
The visco-elastic model also has Mead’s parallel structure. Its static com-

pliance Cs has exactly the same impact on the impedance as the chest wall
compliance Ccw in the Mead model, which is not sensitive in FOT measure-
ments (eq. (4.15)). Its viscoelastic components Cve and Rve correspond to
Calv and Rp in the Mead model. In other words, parameters estimated with
the visco-elastic model are identical with those of the Mead model (excluding
the inertance I). In my opinion, the visco-elastic model is rather a mathemat-
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ical approach than an useful model in respiratory modeling. It does not yield
any mathematical or physiological advantages against the Mead model.
The constant-phase model does not have Mead’s parallel structure. This

model is indeed divided into one frequency-independent (airway) and one fre-
quency-dependent part (tissue). In this model, the lung tissue is the only
component which contributes to the frequency-dependency in ZR(ω). It also
ignores the impact of the parallel bronchial compliance to the frequency de-
pendency [128] (which is, in my opinion, the main cause), and the chest wall
compartment. As a result, an overestimated tissue resistance is reported in
publications using this model (40% of the total resistance [93]). Moreover,
scientists who support this model structure have been facing difficulties to
convince physiologists of the meaning of G and H, since they do not even have
the units of resistance and compliance [8]. When the lungs are challenged with
bronchial agonists, G and H invariably increase even though only the airway
resistance and no tissue damping should be affected [15]. In fact, the change
in G and H during bronchial challenges indicates the contribution of periph-
eral airway resistance in G and H, which also questions the correctness of this
model structure.

4.2.3 Model hierarchy and recommendations
In the ATS/ERS official recommendations 2007 [19], the author stated: "The
fact that Rrs decreases with increasing frequency and approaches a plateau
indicates the presence of parallel pathways. In children, the motion is per-
haps the most significant factor [120]. In patients with airway obstruction
or induced bronchi-constriction, peripheral inhomogeneity [118, 157, 200] and
bronchial compliance [128] represent additional pathways. Elevation of Rrs to-
ward lower frequencies, in other words, the contribution of tissue resistance,
which has marked negative frequency dependence [189]. In healthy subjects,
Rrs exhibits increase with frequency above 10 to 15 Hz: this is attributed to
multiple mechanisms, such as airway wall compliance, gas compressibility in
the central airways, and inertial distortion of the velocity profile [53].".
There are two confusing points in this statement. First, it should be noted

that in Marchal et al.’s work [120], the authors performed FOT without cheek
supporting in purpose to demonstrate the influence of the upper shunt. In stan-
dard FOT measurements, a reduction in Rrs was widely observed [100], even
when cheek vibration was reduced significantly by cheek supporting. Thus,
the check motion is not the most significant factor in children. Second, the
document recommends Mead’s idea of parallel peripheral airway, but also sup-
port the constant-phase model which replaces Mead’s structure by a frequency-
dependent tissue compartment in series. These two approaches have completely
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different structure and physiological interpretation.
Our comprehensive forward non-linear modeling supports the structure of

Mead. Figure 4.7 illustrates the relations among the models regarding linearity,
model structure, and identifiability. As results of the model-based analysis, we
propose several recommendations for parameter identification in FOT:

Nonlinear two-degree-of-freedom model
(Fig 3.11, this research)

Linear 9-element model
(Fig 4.5, this research)

Mead‘s 7-element model

Extended-RIC model

Augmented-RIC model

RIC model

Visco-elastic model

Constant-phase model

Dubois‘s model

First simplification
R , Cticw

Second simplification
C ,Cti+cwalv

C for Hzf 20≤mouth

Simplification of

Addition of

Linearization,
addition of L and C mouth

Tissue
Gas compression

Nonlinear tissue
No gas compression

1
2
3
4
5
6

: nonlinear
: linear
: Mead‘s parallel structure
: serial structure
: partly identifiable
: completely identifiable

1,3,5

R p

Addition of R s

Same structure,
differenrent

physiological
interpretation

2,3,5

2,3,5

2,3,6

2,3,6

2,4,6

2,3,5

1,4,6

2,3,5

Figure 4.7: Relation among models used in FOT measurements.

1. Mead’s parallel structure presents the best correspondence to lung phys-
iology. The central resistance of the Mead model may comprise upper
airway, lung tissue, and chest wall resistance in series. The chest wall
compliance may consist of tissue and chest wall compliances in series.

2. The alveolar, chest wall, and tissue compliances cannot be estimated with
FOT. There is a leak in sensitivity in the measurement results regarding
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these parameters.

3. For FOT at frequencies above 3 Hz, the extended-RIC and the augmented
RIC models are recommended. These two simplifications of the Mead
model are simple, identifiable, and deliver robust estimation results.

4. The compliance estimated by the eRIC and aRIC models corresponds to
the (peripheral) bronchial compliance, not the total respiratory compli-
ance.

4.3 The volume-dependent FOT

Classic FOT focuses on the frequency-dependency of the respiratory impedance
Z(jω). However, since Z(jω) also depends on lung volume regarding the law of
Hagen-Poiseuille, the change of Z(jω) over lung volume may provide additional
information on lung mechanics. Peslin et al. performed the Forced Oscillation
Technique on 54 healthy subjects [164] in 1992. By applying the Rohrer’s
equation directly on ZR(jω) in absence of a model structure and estimat-
ing the flow- and volume-dependency of Z(jω), they reported an intra-breath
(inspiration-expiration) variation of Z(jω). Nevertheless, these dependencies
have not gained any further attention, since the intra-breath changes are rela-
tively small compared to the frequency-dependency for spontaneous breathing.

4.3.1 Principles of the volume-dependent FOT
In this section, we investigate the volume-dependency of Z(jω) over the whole
lung volume. By introducing a new measurement protocol, an adapted data
analysis, and a novel model-based parameter estimation, we propose a new
extension of the classic FOT, which is given the name: volume-dependent
FOT (v-FOT). The aims of the extension are to gain a deeper understanding
of the physiological nature of Z(jω), and to find a more powerful tool to assess
respiratory mechanics.
A v-FOT measurement is similar to a classic FOT with the following exten-

sions:

• During the measurements, subjects wear a nose-clip and support their
cheeks to minimize the disturbances of the upper airways. After a few
cycles of spontaneous breathing, test subjects perform the so-called "slow-
flow vital capacity maneuver". From the residual volume level, subjects
inhale slowly to total lung capacity, while FOT oscillation is superim-
posed on the slow inhalation. A healthy subject may breathe in a respi-
ratory volume of about 4-6 L in a time interval of about 5-6 seconds.
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• Subjects are asked to perform the deep inspiration three times for each
oscillation frequency. The measurement should be repeated at different
oscillation frequencies between 3 Hz and 20 Hz.

• Optionally, v-FOT can also be performed during a slow expiration.

The above mentioned Butterworth bandpass filter can be used to extract the
frequency component at fos. The windowed cosine fitting method provides the
dynamic changes of Z(jω) over time. Plotting Z(jω) over V provides a new
presentation of FOT, namely the impedance-volume (ZV) diagram. Lung vol-
ume V forms the ordinate, while ZR(ω) and ZR(ω) are the abscissa. Hence, the
impedance measured via v-FOT comprises one more dimension: the volume-
dependency Z(jω,V ).
Figure 4.8 displays the measured (solid lines) and estimated ZV diagram

obtained on a healthy subject (male, 25 years old, BMI = 22.09). Least-Squares
parameter estimations are performed for the extended-RIC and constant-phase
models. Data comprise ZR(jω,V ) and ZX(jω,V ) at all oscillation frequencies.
While the constant-phase model yields a smaller error than the eRIC model,
its estimated parameters are unphysiological (Raw < 0). In general, no volume-
dependency can be estimated by these two models, the residual errors remain
large, and the models’ behavior differ from the measurement data.

4.3.2 The reduced non-linear model

The linearization of the non-linear model discussed in Chapter 3.2.3 assumes a
small change of lung volume, such as in the spontaneous breathing and mechan-
ical ventilation with normal tidal volume. Investigating the lungs over their
whole volume, non-linear characteristics of the components should be consid-
ered. While the bronchial, alveolar, and chest wall compliances, Cb, Calv, and
Ccw only become non-linear at extreme lung levels (Fig 3.7 and 3.11), the pe-
ripheral resistance is volume-dependent due to Hagen-Poisseuille’s law over the
whole lung volume. Eq. (3.7) can be rewritten as:

Rp = 8µL
πr4 = Kp

V −Voff
, (4.16)

where Kp is a parameter characterizing Rp, and Voff is a shift in the measured
lung volume.
For simplification, we consider only the volume-dependency of Rp in this

work. The eRIC and Mead model are extended to the volume-dependent eRIC
and Mead models (v-eRIC and v-Mead). The real and imaginary parts of the
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Figure 4.8: Measured (solid lines) and fitted (dashed lines) resistances and
reactances measured with vFOT method. Data obtained from a healthy subject
(male, 25 years old, BMI = 22.09), computed via Butterworth filtering and
windowed cosine fitting method. Least-Squares parameter fitting are performed
for the real and imaginary parts for the extended-RIC (eRIC) (top) and the
constant-phase models (bottom).

v-Mead model are given as:

ZR(ω,V ) = Rc+cw + Rp
(ωRpCb)2 + 1

= Rc+cw + Kp(V −VOff)
(ωCbKp)2 + (V −VOff)2 (4.17)

ZX(ω,V ) = ωI−
ωK2

pCb + (V −VOff)2

ωCalv
(ωCbKp)2 + (V −VOff)2 −

1
ωCti+cw

. (4.18)
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4 Model-based parameter estimation with the forced oscillation technique (FOT)

Frequency response of the system for critical frequencies: The frequency
responses of ZR(ω,V ) for ω→ 0 and ω→∞ are given as follow:

ZR(ω = 0,V ) = Rc+cw + Kp
(V −VOff) =Rc+cw +Rp =Rint (4.19)

ZR(ω→∞,V ) = lim
ω→∞

(
Rc+cw + Kp(V −VOff)

(ωCbKp)2 + (V −VOff)2

)
= Rc+cw (4.20)

For ω → 0, ZR(ω = 0,V ) is equal to the sum of all resistive components
of the respiratory system and equal to the resistance measured via the in-
terrupter technique (Chapter 3.3). For ω →∞, the volume-dependency of
ZR(ω = 0,V ) disappears and ZR comprises only the central and chest wall
compartments. The measurement results illustrated in 4.8 confirm our model
assumption. While ZR(ω = 3Hz,V ) is strongly volume-dependent, this depen-
dency decreases massively at higher frequencies.
These results can be used to augment the general explanation of R5 as the

total respiratory resistance and R20 as the central resistance, as commonly
known in impulse oscillometry measurements [20,193]. It should also be clari-
fied that both R5 and R20 comprise the chest wall resistance besides the central
and peripheral airway resistances, and thus are larger than the total airway re-
sistance Raw measured with the body plethysmography (see Chapter 3.1).
The Mead model assumes a parallel structure between Rp and Cb. Regarding

the more sophisticated Weibel model, the respiratory system can be seen as
a distributed network of 23 RC-generations (Fig 4.9). Increasing the applied
frequency, more and more peripheral bronchi lose their impact on ZR(ω =
0,V ). Approximating the 23 RC-generation model by only one RC parallel
structure, a subdivision of the peripheral airways into large and small bronchi
(Rlp and Rsp) will increase the accuracy of the model’s frequency response.
The new model is called the v-Mead+ model. Applying the first and second
simplification (eq. (4.15) and (4.10)) on the v-Mead+ model results in the
v-eRIC+ model (Fig.4.9). The ZR(ω = 0,V ) of the v-eRIC+ is given as:

ZR,model(ω = 0,V ) = Rc+cw +
Klp

V (t)−VOff
+ Ksp(V (t)−VOff)

(ωCbKp)2 + (V (t)−VOff)2

= Rc+cw +
Klp

V (t)−VOff
+ Ksp
V (t)−VOff

(4.21)

= Rc+cw +Rlp +Rsp (4.22)

with Rlp =
Klp

V (t)−VOff
and Rsp = Ksp

V (t)−VOff
.
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Figure 4.9: Top: the RC-Generation model developed based on the Mead
and Weibel models. Bottom: the extended volume-dependent Mead model (v-
Mead+) with a large and a small peripheral resistance Rlp and Rsp.

4.3.3 Results of the parameter estimation

Again, we apply the non-linear Least-Squares fitting to estimate the param-
eter of the v-RIC, v-Mead, and v-RIC+ models. For the v-RIC and Mead
model, multi-frequency fitting is performed for ZR(ω,V ) and ZX(ω,V ). Pa-
rameter vectors are θv−RIC = (Kp,Rc+cw,Cb,VOff , I)T ∈R1×5 and θv−Mead =
(Kp,Rc+cw,Cb,VOff , I,Calv,Ccw)T ∈ R1×7.
For the v-RIC+ model, we performed mono-frequency parameter fitting with

θv−RIC+ = (Klp,KspRc+cw,Cb,VOff)T ∈ R1×5 only for ZR(ω,V ) to increase
the fitting accuracy, since Klp and Ksp can alter by increasing frequencies.
Figure 4.10 displays the results of the parameter estimation with the v-

eRIC, v-Mead, and v-eRIC+ models. Data are obtained from a healthy subject
(male, 28 years old, BI = 23.15). The models are able to follow the volume-
dependency of ZR(ω,V ) and ZX(ω,V ). All parameters estimated by the v-
eRIC are in physiological ranges. There is no significant different in the residual
error between the v-eRIC and v-Mead model. As mentioned above, the "large"
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Figure 4.10: Measured (solid lines) and fitted (dashed lines) resistances and
reactances. Data obtained from a healthy subject (male, 28 years old, BMI
= 23.15). Top and middle panels: Multi-frequency fitting for ZR(ω,V ) and
ZX(ω,V ), bottom panel: mono-frequency fitting for ZR(ω,V ) only.
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4.4 The nasal FOT

compliances Calv and Ccw are estimated to unphysiological values which are
at the boundary of the parameter vectors. This corresponds to the sensitivity
analysis of the Mead model as shown in Appendix A.4.
The parameter estimation with the v-RIC+ model results in an extremely

small residual error S = 1.0458. The central resistance Rc is almost identical
with that in the v-RIC and v-Mead models. All parameters are in physiological
ranges.
Table 4.2 presents the average parameters obtained from one subject with

mild asthma and five healthy subjects. The large and small peripheral air-
ways at functional residual capacity are computed according to eq. (4.16). The
central and chest wall tissue resistance Rc+cw is similar in both groups, while
higher large and small bronchi resistances Rlp,FRC and Rsp,FRC, respectively,
can be observed in the asthmatic volunteer. These results match the physio-
logical expectation of an increase in peripheral bronchi in asthma.

Table 4.2: Respiratory parameters, measured with vFOT and estimated with
the e-RIC+ model.
Parameter Rc+cw Cb Rlp,FRC Rsp,FRC
Unit cmH2O/L/s L/cmH2O cmH2O/L/s cmH2O/L/s

Mild asthmatics 1.4 0.01064 0.77 2.78
(n=1)
Healthy subjects 1.45 0.00542 0.28 1.5
(n=5)

4.4 The nasal FOT

Since FOT omits the necessity for cooperative maneuvers common in spirom-
etry or body plethysmography procedures, it has a potential application for
patients with obstructive sleep apnea (OSA). However, since these patients
breathe through their noses during sleep, the effect of the nasal passage and
the breathing mask on FOT measurements needs to be considered. Previ-
ously, Farré et al. have carried out research using mono-frequency FOT and an
esophageal balloon to investigate lung mechanics through a nasal mask [48–50].
This section focuses on the compensation of the undetermined flow leakage
caused by using nasal masks and the influence of the nasal passage on multi-
frequency FOT measurements. To determine the impedance of the nasal pas-
sage, test subjects are asked to perform a FOT session with a Philips Respiron-
ics ComfortGel Blue nasal mask (Philips Respironics, Pittsburgh, Pennsylva-
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4 Model-based parameter estimation with the forced oscillation technique (FOT)

nia, USA). Impedance of nasal passage and nasal mask are computed by sub-
tracting the total respiratory impedance (measured via nose) and the lower
respiratory impedance (measured via mouth).

Compensation of gas leakage caused by using a nasal mask

The use of a nasal mask causes two different leakage sources: one at the CO2
expiratory valve and one at the contact surface. The masks are fixed on the
subject’s face through elastic bands around the head. During the measure-
ments, there is another leak around the top of the nose as well as in the cheek
region of the subjects (Fig. 4.11). Consequently, the flow entering the respi-
ratory system V̇rs and the flow measured by the pneumotach V̇meas are not
the same. The flow and leak components are illustrated in Fig. 4.12. V̇valve

Pdevice PmeasVmeas Vrs

Vvalve

Vleak

FOT-Device Nosemask Subject

. .

.

.

Figure 4.12: Schematic representing the leakage problem caused by using a
nasal mask.

is the flow through the expiratory valve and V̇leak the flow leaking out at the
mask-face interface. V̇meas can be expressed as

V̇meas(t) = V̇rs(t) + V̇valve(t) + V̇leak(t) . (4.23)

V̇leak is a mixture of laminar and turbulent flow. Its pressure-flow relationship
is given as the solution of the Rohrer equation (A.8):

V̇leak(t) =− K1
2K2

+
√

( K1
2K2

)2 + Ptrans(t)
K2

, (4.24)

where K1 and K2 are laminar and turbulent coefficients. To estimate V̇leak,
the functional residual capacity of the lungs is assumed to be constant during
each measurement. If all leakage has been compensated, the integrated lung
volume Vrs should be zero if the considered period [TStart,TEnd] is long:∫ TEnd

TStart

V̇rs(t)dt= 0. (4.25)
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4.4 The nasal FOT

The parametersK1 andK1 have been estimated using non-linear Least Squares
parameter estimation. The start valueK2,0 was estimated by running the Least
Squares algorithm only for K2 assuming K1 is equal to zero. After finding
K2,0 = 500cmH2O/(L/s)2 and choosing K1,0 = 2cmH2O/L/s, the algorithm
was applied again on measurement data.

Figure 4.11: Air leaks out at respiratory valve
and at mask-face interface [144].

The corrected volume of a
representative measurement
is depicted in Fig. 4.13. Af-
ter the correction of the
valve V̇valve(t), there is still
approximately 1.5L gas in-
side the lungs, which corre-
sponds to the amount of air
leaked out at the mask-face
interface. Tab. 4.3 shows
the parameters of the leak-
age compensation. The pa-
rameter K2 of the turbulent
flow dominated that of the
laminar flow at face-mask-
interface.
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Figure 4.13: One representative result of the leakage compensation: volumes
before correction, after compensation of the expiratory valve and after total
leakage correction for TEnd = 31s [144].

Results of the nasal FOT measurements

Applying FOT at patients’ mouth and nose in two different measurements
demonstrates the effect of the nasal passage and mask on FOT results (see
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4 Model-based parameter estimation with the forced oscillation technique (FOT)

Frequency K1 K2 RSS
[Hz] [cmH2O/l/s] [cmH2O/(l/s)2]
5 0.0101 1298.8130 3.4524 · 10-17

6 0.0438 2125.8626 2.1192 · 10-21

7 0.0102 1306.4878 4.1273 · 10-17

8 0.0760 2255.9254 8.5190 · 10-21

10 0.0098 695.2472 5.8974 · 10-21

15 0.0080 863.1106 5.1379 · 10-20

Table 4.3: K1 and K2 for compensation of leakage at mask-face interface.

RVnose I

{
CRnawI naw

(for example: RIC model)

{mouth{
nasal airways (naw)

total respiratory system

lower respiratory system (lrs)

Figure 4.14: Model of the nasal airways and the lower respiratory system.

Fig. 4.15). The average resistance and reactance of the lower (lrs) and total
respiratory system for all test subjects are depicted in Fig. 4.15. Both resis-
tances ZR,total and ZR,lrs decreased over frequency. ZX,lrs yields a positive
frequency dependence from −1.159cmH2O/l/s at 3Hz to 1.176cmH2O/l/s at
20Hz. ZR,total is significantly higher than ZR,lrs. Resonance frequency are
found to be between 7.5Hz and 9.5Hz for the lower respiratory system, which
correlates to the results reported by MacLeod and Birch [119]. For the total
system, the average resonance frequency decreases to 4Hz.

Tab. 4.4 displays the values of the nasal (naw) resistance ZR,naw and the
ratio ZR,naw/ZR,total. ZR,naw is computed by subtracting ZR,total by ZR,lrs.
The nasal resistance has an average value of 4.096± 2.019cmH2O/l/s which
corresponds to 66% of the total resistance. Our measurement confirms the
results reported in [51] (Fig.3.12) and indicates that the nasal impedance has a
large contribution in the total respiratory impedance and cannot be neglected
in nasal FOT measurements.
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ID Rnaw Rnaw/Rtotal[%] Inaw Inaw/Itotal[%]
1 3.3412 58.58 0.0091 30.33
2 2.7237 65.32 0.0134 52.34
3 2.8278 61.01 0.0178 58.17
4 4.5795 70.44 0.0136 49.64
5 8.5902 73.41 0.0418 78.42
6 2.3394 61.46 0.0118 56.73
7 6.3148 83.58 0.01487 65.22
8 2.0484 57.08 0.01043 53.49

Mean 4.096 66.36 0.0166 55.54
±STD 2.019 7.91 0.00985 12.8

Table 4.4: Rnaw and proportion of Rnaw to Rrs. Resistances are given in
cmH2O/L/s and inertances are given in cmH2O/L/s2.

4.5 Summary

This chapter presents a comprehensive investigation on the respiratory impe-
dance measured via the forced oscillation technique. The windowed cosine
fitting method is applied on the bandpass-filtered data to compute the respira-
tory impedance. The physiological interpretation of the impedance relates to
the underlying model structure. The Mead model present the best correspon-
dence to respiratory mechanics. The extended- and augmented-RIC models
deliver robust estimation results. The estimated compliance with these two
models corresponds to the elasticity of the peripheral bronchi, not the alveoli
or tissue.
The volume-dependent FOT is an extension of the classic FOT. It measures

the change of the impedance over frequencies and lung volume. The ZV di-
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agram provides additional lung information to assess lung mechanics. It has
been show that the extended respiratory models v-eRIC, v-Mead, and v-eRIC+
can be used to describe the volume-dependency of the impedance.
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5 Modeling of cardiopulmonary interactions and
cardiogenic congestion

Breathing in, I am aware of my heart.
Breathing out, I smile to my heart.

Thich Nhat Hanh

Cardiopulmonary interactions are indispensable in living beings. Despite
many studies on animal and clinical data over the past 50 years, these inter-
actions are only partly understood, especially under pathological conditions or
medical treatments. Moreover, there is a lack of computational models which
can simulate these interactions quantitatively. This chapter introduces a bio-
physical forward model of the cardiopulmonary system which focuses on the
hemodynamic interactions between the lungs and the heart. First, a cardio-
vascular model developed in Matlab Simscape™ is introduced. Second, model
validations comparing simulation results with clinical and animal data are dis-
cussed. Finally, the model is extended by the lymphatics and the fluid balance
system to explain the development of heart failure and cardiogenic congestion.
Parts of the chapter were previously published in peer-reviewed journals [142,

150].

5.1 Modeling of heart and circulation

The development of the cardiovascular model is based on the works of Smith
et al. [191,192] with several extensions. In the first model extension, the atria
will be considered explicitly. Second, non-linear behaviors of the veins and
the pulmonary capillaries will be taken into consideration. The comprehensive
structure of the cardiovascular model and the overall model is illustrated in
Fig 5.1.

5.1.1 Atria, ventricles and heart valves

The heart model consists of left atrium (la), right atrium (ra), left ventricle
free wall (lvf), right ventricle free wall (rv), septum (spt), pericardium (pcd)
and four heart valves (pulmonary valve Rpv, bicuspid valve Rmt, tricuspid
valve Rtc and aortic valve Rav). The atria and ventricles are modeled by
elastic elements (compliance). Their PV relationships are characterized by the
end-diastolic pressure-volume relationship (EDPVR) and end-systolic pressure-
volume relationship (ESPVR) [77,153,192]. Let Ees be the chamber elastance
during systole and Vd its filling volume of the ESPVR at zero transmural
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5.1 Modeling of heart and circulation

pressure, P0 the minimal diastolic pressure, λ the curvature of the EDPVR
curve, and V0 atrium volume at zero pressure, then the PV relationships are
given as [192]:

Pes = Ees · (V −Vd), (5.1)

Ped = P0 · (eλ(V−V0)−1). (5.2)

A time-variant driver function e(t) activates either eq. (5.1) or eq. (5.2) to
model the transition between the systolic and diastolic pressures:

P (V,t) = e(t) ·Pes(V,t) +(1−e(t)) ·Ped(V,t). (5.3)

Table 5.1: Transmitting resistances of
heart valves [cmH2O/L/s]

Resistance

Tricuspid 4.0789

Pulmonary 2.7191

Mitral 13.5955

Aortic 6.7977

The driver function e(t) can be
modeled as a Gauss distribution for
atria, and as a sum of four dif-
ferent Gauss distributions for ven-
tricles and septum. Parameters
of e(t) are taken from [153] and
given in Appendix A.5. The
heart valves are modeled with ideal
diodes with transmitting pressures of
10−5 cmH2O, blocking resistances of
105 cmH2O/L/s, and various trans-
mitting resistances (Table 5.1) [191].

5.1.2 Septum and pericardium
Septum and pericardium cause ven-
tricular interactions which have a
strong impact on cardiovascular dynamics. Smith et al. [192] separated the
ventricles into three free wall components: left ventricle free wall (lvf), septum
(spt), and right ventricle free wall (rvf). No component has an influence on the
other parts. The septum moves leftward towards the left ventricle during sys-
tole and rightward towards the right ventricle during diastole. The ventricular
volume is a combination of the septum and ventricular free wall volume. The
septum is driven by the same driver function as the left ventricle.
The pericardium is a double-wall sac surrounding four heart chambers and

separating them from the pleural space. The pericardium volume is, hence,
the sum of ventricular and atrial volumes. In our model, the pericardium is
modeled by one compliance; its positive terminal is connected to the pleural
space and its negative terminal to the four heart chambers.
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5 Modeling of cardiopulmonary interactions and cardiogenic congestion

5.1.3 Vascular arteries and veins
The vascular system, a network of blood vessels, is modeled by lumped elements
regarding its function rather than its anatomical structure [33, 89, 117, 192].
Realistic values of cardiac preload and afterload can be determined by applying
the Windkessel model to the systemic and pulmonary circulation [192]. While
the aorta and arteries are linearized with parameters adapted from [36], it is
necessary to consider the non-linearities of the veins [68,69,75,96,191,223,227,
230]. According to Hainsworth [69] and Rothe [179], the pressure-volume (PV)
characteristics of a vessel can be divided into different phases: collapsed, filling,
unstressed, distention, and over-distension (Fig. 5.2).
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Figure 5.2: (1) Pressure-volume (PV) characteristics of a collapsible tube,
reproduced from [69]. (2) PV relation of the systemic veins. (3) PV relation of
the pulmonary vein [142].

The nonlinear behavior of the veins can be modeled by the log function

V = 1
λ
· log(Ptr + P0) +V0, (5.4)

including the three parameters P0, V0 and λ. The log function has a high
gradient at the beginning which changes quickly to a lower slope after the "un-
stressed" point. The parameters are obtained for 3 L systemic venous blood
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5.1 Modeling of heart and circulation

volume and 300 mL pulmonary venous blood volume at normal blood pres-
sures [96]. Figure 5.2 compares the PV characteristics of a separated vessel
reported in [69] and the implemented systemic and pulmonary veins.
Unlike the separated vessel, the veins must maintain a nonzero volume even

at zero or negative transmural pressure, since they are networks of vessels
tethered to the surrounding tissues which prevent them from a total col-
lapse [37, 69, 179]. The minimum volume of the systemic veins is positive and
considered to be 1 L in the model. Under normal conditions, there is around
3 L in the systemic veins under a slightly positive transmural venous pressure.

Pulmonary capillaries

The pulmonary capillaries surround the lung alveoli. Their PV characteristics
can be modeled by the hyperbolic function:

Vcap(t) = V0 + 1
λ
· tanh(c ·Ptr,cap(t) +P0). (5.5)

The constant parameter V0, c, and P0 are determined based on following
considerations [68,96]:

1. In a healthy body, the pulmonary capillary transmural pressure is Ptr,cap≈
15 cmH2O (= Pcap−Pint = 10− (−5) cmH2O), where Pcap is the pres-
sure inside the lung capillaries and Pint the pressure of the surrounding
interstitial pressure.

2. At this pressure level, a total blood volume in the pulmonary circulation
is approx. 200 mL.

3. At normal transmural pressure, the capillaries can be modeled by an ideal
compliance with a linear PV relationship. At immoderately low pressure,
the capillaries collapse to a minimum volume of approx. Vmin = 10 mL.
At excessively high pressure, all capillaries are recruited and assumed to
reach a maximum volume of 400 mL.

For a detailed description of CPIs and congestion, the pulmonary capillary
compliance is subdivided into arterial and venous capillary components. Both
together simulate the total PV characteristics shown in Fig. 5.3.
Unlike the peripheral airways, the length of the pulmonary capillaries can

be considered to be unchanged during respiratory activities. Thus, according
to the law of Poiseuille, flow resistance of the lungs capillaries R(t) is inversely
proportional to the square of their volume:

R(t) = R1 ·
(V1−0.9Vmin)2

(V (t)−0.9Vmin)2 . (5.6)
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Figure 5.3: PV-characteristics of lung capillaries [142].

Vmin is the minimal capillary volume during collapse. V1 and R1 are capillary
resistance and volume at a normal transmural pressure, respectively. Param-
eters for the pulmonary capillaries are given in Table 5.2. At a normal filling
volume V = 200 mL, the pulmonary flow resistance is 69.75 cmH2OL−1 s, which
reaches a maximum value of R= 2.5∗106 cmH2OL−1 s at a collapsing volume
of V = Vmin = 10 mL.

Table 5.2: Parameters of the pulmonary capillaries. V1, V0, and Vmin are
given in L, R1 in cmH2OL−1 s, and λ in L−1. c is a scalar.

Resistance Compliance
Parameter Value Unit Parameter Value Unit

V1 0.2 L V0 0.1025 L
R1 70.8725 cmH2OL−1 s P0 -1.3687 cmH2O

Vmin 0.005 L λ 10.256 L−1

c 0.0821 1

The remaining linear parameters of the systemic and pulmonary circulation
are given in Table 5.3. At the beginning of the simulation, each compliance
is assgined to an initial volume. Each heart ventricle has an initial volume
of 40 mL. The systemic veins are filled with 3.1 L, the systemic arteries and
capillaries with 600 mL. On the pulmonary side, initial volume is set to 100
mL for the arteries, 100 mL for the capillaries, and 50 mL for the veins.

5.1.4 Baseline simulation of the cardiovascular system
Baseline simulations were performed to validate the model for a healthy subject.
The change in the systemic arterial volume during the initial phase is depicted
in Fig. 5.4. At the beginning of each simulation, blood redistributes regarding
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Table 5.3: Parameters of systemic and pulmonary circulation, from [36,191].
Components Param. Value Unit

aortic compliance Cao 0.000168 LcmH2O−1

syst. arteries compliance Csys,art 0.0011 LcmH2O−1

aortic resistance Rao 91.78 cmH2OL−1 s
syst. resistance Rsys 1359.5 cmH2OL−1 s
aortic inertance Lao 1.1216 cmH2OL−1 s2

syst. inertance Lsys 4894.4 cmH2OL−1 s2

pul. art. resistance Rpa 94.5 cmH2OL−1 s
pul. art. compliance Cpa 0.0022 LcmH2O−1

pul. ven. resistance Rpv 31.5 cmH2OL−1 s

the ratio between the vessels’ compliances. At t= 20 s and t= 25 s, the driver
functions of the ventricles and atria are activated, respectively. The operating
point of the system, where all compliances have reached their steady-state
volume have, is arrived after approx. 40 seconds.
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Figure 5.4: Changes in systemic arterial volume during the initial phase of the
simulation. From a start value at 0.6 L, the volume reached a stationary value
of 1.2 L. After the heart started to pump at t = 20 s, the volume stabilized at
around 1.05-1.09 L.

Figure 5.5 presents the simulated pressures and volumes during three cardiac
cycles in a healthy person. Heart rate is 80 beats per min, stroke volume 72
mL, and cardiac output 5.76 L/min. The aortic pressure rises to 169 cmH2O
(124.3 mmHg) in systole and falls to 110 cmH2O (80.9 mmHg) in diastole.
Table 5.4 compares the simulated blood pressures and cardiac indexes to

the standard range of a healthy person [78]. Cardiac and stroke indexes are
calculated by assuming a total body surface of 1.73 m2. All simulated values
correspond to physiological standard ranges provided in literature. The blood
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pressure-volume curve of the left and right ventricles.

distribution among different body compartments is depicted in Fig. 5.6.
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Figure 5.6: Blood volume distribution of the human body. (1) Literature
values, reproduced from [68]. (2) Simulation results. Total blood volume is
approx. 5 L [142].
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Parameter Model Standard [78] Unit
Pressures:
Left ventricle systolic 124 90 – 140 mmHg
Left ventricle end-diastolic 6 5 – 12 mmHg
Left atrial 3.5 – 5 2 – 12 mmHg
Arterial systolic 122 90 – 140 mmHg
Arterial diastolic 81 60 – 90 mmHg
Right ventricle systolic 25 18 – 30 mmHg
Right ventricle end-diastolic 0.5 -0.5 – 4.5 mmHg
Right atrial mean 0 -2 – 2 mmHg
Pulm. artery systolic 26 13 – 30 mmHg
Pulm. artery diastolic 11 3 – 15 mmHg
Pulm. capillary wedge max 10 – 16 8 – 23 mmHg
Pulm. capillary wedge min 6 – 11 5 – 14 mmHg
Others:
Cardiac index 3.33 2.5 – 5.3 L/min/m2

Stroke index 41.63 37– 72 mL/beat/m2

Table 5.4: Baseline simulation results of pressures, cardiac and stroke indexes.
The indexes were calculated with a total body surface of 1.73 m2. Standard
values are given in [78].

5.2 Cardiopulmonary hemodynamic interactions

This section focuses on the mechanical coupling between the respiratory and
the circulatory system. The pericardium, pulmonary arteries and veins are
surrounded by the pleural pressure Ppl, while the pulmonary capillaries are
surrounded by the interstitial pressure Pint. The coupling is implemented in
Simscape by means of physical connections between the two subsystems. The
overall system is presented in Fig. 5.1.
Under normal conditions, the thoracic blood volume (TBV) is about 20%

(approx. 1 L) of the total blood volume [68,96]. The chest wall capacity (Vcw)
from eq. (3.15) has to be adapted, since Athanasiades et al. [4] did not consider
TBV in their model and assumed that the maximal chest wall volume was equal
to the total lung capacity (TLC). In our model, Vcw,max has been adapted to
TLC +1 L, the parameter Bcw in eq. (3.16) is changed to

Bcw ≈
Vmax−RV
4 ·Ccw,max

≈ 4.75 cmH2O. (5.7)

The new parameters of the chest wall are given in Table 5.5. The initial value
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5 Modeling of cardiopulmonary interactions and cardiogenic congestion

of chest wall volume increases to 2.05 L by taking the TBV into consideration.

Table 5.5: Adaptation of the chest wall parameter with regard to thoracic
blood volume from the respiratory to cardiopulmonary system.

Parameter RS only CPS Unit
Acw 7 7 cmH2O
Bcw 3.5 4.75 cmH2O
Vmax 5.6 6.6 L
RV 1.3 1.3 L
PPE 10 10 cmH2O

In summary, the comprehensive cardiopulmonary model consists of a 8-
element non-linear respiratory model and a cardiovascular model with four
heart chambers, hearts valves, a systemic and a pulmonary circulation [142,
148]. The respiratory and the cardiovascular system are coupled at the pleural
space and lung interstitium.

5.2.1 Simulation results
The simulation results are compared to clinical data and animal studies re-
ported in literature. Since model parameters can vary among species and
individuals, parameter estimation can increase the performance of the model
in curve fitting. However, changing randomized parameters via "try and error"
in such a large model can lead to parameter "manipulation". For that reason,
all parameters are remained unchanged during all simulations. Only the input
signal, the respiratory muscles are adapted to generate the required scenarios
by changing the pleural pressure during spontaneous breathing and the mouth
pressure during mechanical ventilation.

Mueller maneuver

During spontaneous inspiration, a decrease in Ppl leads to a shift in blood
volume from the systemic to the pulmonary circulation and a fall in aortic
pressure. During inspiration with maximum effort (Mueller maneuver1), a sig-
nificant increase in aortic pressure, transmural left and right ventricular filling

1During Mueller maneuver, subjects are asked to perform a forced expiratory. After that,
an attempt at further inspiration is made with closed mouth and nose, which makes
the thoracic pressure maximal subatmospheric. Mueller maneuver can be used in the
evaluation of airway obstruction in patients with sleep apnea [194].
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5.2 Cardiopulmonary hemodynamic interactions

pressure during the Mueller maneuver in closed-chest, anesthetized, neurally
intact Mongrel dogs was documented by Robotham et al. [175]. Inactivating
the respiratory tract due to zero gas flow, and setting the pleural pressure from
0 to −12 cmH2O and back to 0 within a duration of 8 heart beats, the initial
condition of the Mueller maneuver occurs.
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Figure 5.7: Pressure relations during a Mueller maneuver. The pleural pres-
sure, as well as transmural aortic, left and right atrial pressures are depicted.
(1) Data measured on a neurally intact Mongrel dog, reproduced from [176].
(2): Model simulation results for a healthy human. The pleural pressure in the
model was set from 0 to -12 cmH2O and back to 0 within 8 heart beats [142].

Figure 5.7 depicts simulation results (2) in comparison with animal data (1).
At the second heart beat after the end of the maneuver, the transmural aortic
pressure reaches its maximum at 138 mmHg (142 mmHg in animal data) . The
transmural right atrial pressure rises during the first 5 heart beats, and falls
abruptly to a negative value. The transmural left atrial pressure also increases
and reaches it maximum about 3 heart beats later than the transmural right
atrial pressure. Dynamic behaviors of the model is observed to be similar to
animal data.

Pressure relations during ventilation

A ventilator is connected to the cardiopulmonary system to simulate the model’s
response to mechanical ventilation. Fig 5.8 (1) depicts data from a lung-
diseased patient under volume-controlled-ventilation (VCV) published by Jardin
et al. [90]. Electrocardiogram (ECG), airway (A), esophageal (E), right atrial
(RA), and pulmonary capillary wedge (PCW) pressures were simultaneously
recorded. Tidal volume was set to 12 mL/kg (equivalent to 840 mL for a 75 kg
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Figure 5.8: Pulmonary and cardiovascular pressures in patients under volume-
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monary capillary wedge pressure, RA = right atrial pressure, A = airway pres-
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patient). Peak ventilation pressure was 45 cmH2O. Figures 5.8 (2-4) display
the simulation data for different tidal volumes. In (2), VT is set to 3.2 L to
achieve a peak pressure at 45 cmH2O. Simulation (3) is done for VT = 840 mL,
which results in a peak airway pressure < 10 cmH2O. These results show that
such a high ventilation pressure at a low tidal volume does not occur in healthy
subjects. The high pressure-volume ratio indicates a dramatic drop in the lung
compliance, such as in a severe restrictive pulmonary disease. Reducing the
lung compliance (alveolar and tissue compliance) to 10% of the original values,
a peak pressure of 45 cmH2O can be achieved at VT = 840 mL as shown in 5.8
(4a).
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cal data, reproduced from [90]. (2) Simulative re-
sults. Observation: ∆Psa,1 <∆Psa,2 and ∆Ppa,1 >
∆Ppa,2 [142].

Simulation corresponds to
the prediction of a restric-
tive condition in this pa-
tient. Furthermore, Jardin
observed that the increase
in the pulmonary capillary
wedge pressure (PCW) is
greater than that in the
esophageal pressure, which
leads to an increased left ven-
tricular volume; and the in-
crease in right atrial pres-
sure is smaller than that in
esophageal pressure, which
corresponds to a decrease
in right ventricular volume.
The pressure relations (∆Pcap
> ∆Ppl > ∆Pra) can be
reproduced by the model.
Figure 5.8 (4b) displays the
change in left and right
ventricular volumes during
VCV. An increase in left ven-
tricular volume and a de-
crease in right ventricular
volume can be quantitatively
observed in the model response.
In the same paper, Jardin et al. performed a beat-to-beat analysis on data

from 13 ventilated patients, focusing on the change in systemic and pulmonary
arterial pressure during ventilated inhalation (Fig. 5.9 (1)). During the lung
inflation, esophageal pressure Ppl increased slightly less than PCW. An in-

103



5 Modeling of cardiopulmonary interactions and cardiogenic congestion

crease in systemic arterial pressure was reported, where systole was greater
than diastole. There was also an increase in the pulmonary arterial pressure,
however, change in diastole was greater than in systole. Testing the model with
the same scenario, simulation results yield similar behaviors. Figure 5.9 de-
picts the systole-diastole gradient in systemic and pulmonary arterial pressure,
where ∆Psa,1 <∆Psa,2 and ∆Ppa,1 >∆Ppa,2. The model response corresponds
to the reported clinical data.

Stroke volume during spontaneous breathing and positive-pressure
ventilation

This part compares the change of stroke volume (SV) between spontaneous
breathing and positive-pressure ventilation. In anesthetized, intact canines,
differential effects of negative (spontaneous inspiration) and positive (positive-
pressure inspiration) changes in the intra-thoracic pressure on cardiovascu-
lar dynamics were reported [64, 167, 168]. While the left ventricular SV falls
with positive pressure inspiration, the right ventricular SV behaved inversely.
Fig. 5.10 compares animal data (1) and simulation results (2). The left and
right ventricular SV is large in human (50 - 60 mL) comparing to those of a
canine (15 - 18 mL). During a positive-pressure inspiration, right ventricular
SV first decreases, then increases back to the previous value. This behavior
can be observed in animal data and simulation results.
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Figure 5.10: Cardiopulmonary interactions during spontaneous breathing and
mechanical ventilation. (1) cardiopulmonary interactions observed in animal
experiment reported in [64,168]. (2): model simulation results [142].

Cherpanath et al. introduced a schematic diagram to study CPIs during
mechanical ventilation [30] (Fig. 5.11). He qualitatively proposed two causes
for the fall of left ventricular SV during positive-pressure ventilation. On the
one hand, a higher lung volume causes an increase in the intra-thoracic pressure
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(IIP), which reduces venous return and right ventricular preload. On the other
hand, a rise in airway pressure leads to an increase in transpulmonary pressure
(TPP), followed by an increase in pulmonary vascular resistance and a rise
in right ventricular afterload. The diagram is extended quantitatively with
model’s responses, as shown in Fig. 5.11. The preload is presented by end-
diastolic ventricular volume, the afterload by the arterial pressure.

Lung
volume↑

Mechanical
ventilation

TPP↑ PVR↑
RV

Afterload↑

Airway
pressure↑

ITP↑
Venous
return↓

RV
Preload↓

RV stroke
volume ↓

LV stroke
volume ↓

0 10→

2.45 3.65 L→

-5.6 -1.3→ cmH O2
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31-36 → 27-36

cmH O2

63-72 → 54-60 mL

55-74 → 32-69 mL

cmH O2

↑

Figure 5.11: Change right and left ventricular stroke volumes under mechanical
ventilation. Schema adapted from [30]. Numerical values are from a simulation
with pressure-controlled ventilation at PIP=10 cmH2O [142].

Simulation results confirm the Cherpanath’s diagram, with an exception of a
variable right ventricular afterload, which does not increase under mechanical
ventilation. These results gives an evidence to support the hypothesis, that
the changes observed in left and right ventricular SV are primarily caused by
the reduction in venous return and right ventricular preload, and less by the
change in right ventricular afterload, as proposed in other literatures [64,166].

Effect of PEEP on CPIs

A correlation between PEEP and pleural, transpulmonary, pulmonary arterial,
and right atrial pressures was documented by Scharf et al. in anesthetized
Mongrel dogs (22−25 kg) [182]. The animals were under VCV (VT = 300−350
mL (12−14 mL/kg)), PEEP was set to be 0.6, 4.3, 7.7, 11.4, and 16.4 cmH2O.
A comparison between animal data and model response is depicted in Fig. 5.12.
Tidal volume VT was set to 12.7 mL/kg (equivalent to 950 mL for a 75 kg
healthy human).
Simulation results correlate well with animal data. With increasing PEEP,

a rise in lung volume, and further increases in transpulmonary, pleural, pul-
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Figure 5.12: Effect of PEEP on lung volume, cardiac output (CO), transpul-
monary (TP), pleural (PL), pulmonary arterial (PA), and right atrial (RA) pres-
sures during volume-controlled ventilation. (1) Experimental data in Mongrel
dogs, data reproduced from [182], (2) Simulation results [142].

monary arterial, and right atrial pressures can be observed in both data. As
PEEP increases from 0.6 to 16.4 cmH2O, cardiac output falls to 35% of the
original value in dogs and to 65% in simulated human. Note that a better fit
between data and model may be achieved by adjusting the parameters of the
model. However, this is not the objective of this forward modeling.

5.3 The fluid balance and the lymphatic system

5.3.1 Model development

Modeling of the Starling-equation and the fluid transport

In 1896, Ernest Starling stated that the fluid movement across a vascular
barrier would cease when the hydrostatic forces and interstitial osmotic pres-
sures are in balance [197]. This hypothesis, verified by Landis several decades
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later [104,105], is known as the Starling equation:

J =Kf [(Pcap−Pint)−σ · (Posm,cap−Posm,int)]. (5.8)

Here, J (in [mol/s]) is the total flux of molecules from the capillaries to the
lung interstitium, Kf is the permeability of the capillary walls, and σ is the
osmotic reflection coefficient for large proteins. Pcap and Pint are the capillary
and interstitial hydrostatic pressures, and Posm,cap and Posm,int are the corre-
sponding colloid osmotic pressures, respectively. Typical parameter values of
eq. (5.8) are given in Table 5.6.

Table 5.6: Typical parameters of the Starling equation
Parameter Value Unit Reference
Kf 10−6 LcmH2O−1 s−1 [68] [217] [136]
Pcap 10 cmH2O [222] [68]
Pint -5 cmH2O [109] [228]
σ 0.75 1 [109] [136]
Posm,cap 38.07 cmH2O [68]
Posm,int 19.04 cmH2O [68]

In literature, the protein reflection coefficient σ was reported to be between
σ = 0.7 [109] and σ = 0.8 [136]. The osmotic pressure depends on the protein
concentration in blood. Its typical values are 28 mmHg at artery end and 14
mmHg at venous end of the pulmonary capillaries [68]. The determination
of the permeability Kf is difficult. In animals experiments, a typical value
of Kf = 10−6 LcmH2O−1 s−1 was estimated by measuring the hydrostatic
pressures and the lymphatic flux [68,135,217]. This flux can be easily removed
by the lymphatic system under normal conditions. The permeability Kf is
the product of the hydraulic conductivity K and the filtration surface area A.
Assuming a cylindric form for the capillaries with a length l and a radius r, a
relation between Kf and the capillary volume Vcap can be derived as

Kf =K ·A=K ·2πl =K ·2
√
π · l ·Vcap. (5.9)

Then the hydraulic membrane resistance RStarling is given as:

RStarling = 1
Kf

= 1
K ·2

√
π · l ·Vcap

. (5.10)
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The Starling equation (5.8) yields:

J = 1
RStarling

[(Pcap−Pint)−4Pos], (5.11)

where4Pos = σ ·(Posm,cap−Posm,int) is the osmotic pressure gradient between
the pulmonary capillaries and the lung interstitium.

pulmonary capillaries R_starling

+

-

Δ P_os
lung interstitium

Figure 5.13: Electrical equivalent representation
of the Starling equation.

arteriole venule

lymph-
capillaries

re-absorption
ca. 10%

ca. 90%

Pulmonary interstitium

filtration

arterial
capillary

re-absorption

venous
capillary

Figure 5.14: Filtration and resorption at capillary
endothelial wall, modified from [184].

Eq. (5.11) states a corre-
lation of the flux through
a membrane and the mem-
brane’s transmural pressure
gradient, similar to Ohm’s
law for an electrical cur-
rent. In this work, the fil-
tration is modeled by a cur-
rent flow through an electri-
cal resistance, as illustrated
in Fig. 5.13. Note that 4Pos
was implemented as a DC-
pressure source and set in se-
ries with RStarling.
The fluid transport, illus-

trated in Fig. 5.14, is a
continuous process. Fluid
flux changes from positive
at the arterial capillary end
(filtration) to negative at
the venous capillary end (re-
absorption) due to the pressure relations [184]. In normal conditions, 90% of
the flux is reabsorbed at the venous capillaries. The other 10% is removed by
the lymphatic system. In our model, the capillary compartment is subdivided
into an arterial and a venous part (Rcap,art and Rcap,ven) (see eq. 5.15). The
resistances can be derived as

RStarling,art = R1,art ·
√

V1,art
Vcap,art

, RStarling,ven = R1,ven ·
√

V1,ven
Vcap,ven

, (5.12)

where Vcap,art and Vcap,ven are the volume of the arterial and venous capillaries.
R1,art, V1,art, R1,ven and V1,ven are constant parameters. These parameters,
given in Tab. 5.7, were calculated considering following factors:
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• The sum of the arterial and venous Starting resistance is equal the total
Starling resistance of the capillaries.

RStarling = RStarling,art +RStarling,ven

= R1,art ·
√

V1,art
Vcap,art

) +(R1,ven ·
√

V1,ven
Vcap,ven

)

• Hydraulic conductivity at capillary venous end is 40% higher than one
at capillary arterial end [109].

Once the fluid has entered the lung interstitium, it continues moving forward
to the peribronchovascular space, where it is absorbed by the lymphatics. The
quantitative behavior of extracellular fluid movement in the interstitium is not
well understood, as well as any influence of this resistance to the development of
pulmonary edema or the absorption over the lymphatics [202]. In this work, the
hydraulic resistance for fluid movement within interstitium (see Fig. 5.15) was
assumed to be Rint = 1000 cmH2OL−1 s. The large value of Rint is considered,
since the flow resistance within interstitium can be neglected in comparison to
the trans-membrane Starling resistances. Table 5.7 summarizes the parameters
of the model.

Table 5.7: Parameters of the implemented Starling equation
Parameter Value Unit
R1,art 2.4∗106 cmH2OL−1 s
V1,art 0.12 L
R1,ven 1.7∗106 cmH2OL−1 s
V1,ven 0.08 L
4Posm 14.27 cmH2O
Rint 1000 cmH2OL−1 s

A model of the lymphatic system

The lymphatic pump and flow resistance are modeled by a parallel structure
of a compliance and a resistance. The fluid flow entering the lymph Iin,lym is
given as

Iin,lym = 1
Rint

· (Pint−Plym), (5.13)
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Figure 5.15: The lymphatic system from pulmonary interstitium to vena cava.
The Starling equation is implemented at arterial and venous ends of the pul-
monary capillaries.

where Plym is the lymphatic pressure. The volume-pressure characteristics of
the lymphatic pump is modeled, similarly to the heart pump, with an driver
function d(t). d(t) switches the contraction of the lymphatic collector from an
active to a passive phase and vice versa:

Vlym = (1−d(t))(
ln(Plym + P0,lym)

λlym
+ V0,lym) +d(t) · (

Plym
Ees,lym

+ Vd,lym),

where Vlym is the lymphatic volume. The parameters λlym, P0,lym and V0,lym
define the passive, Ees,lym and Vd,lym the active phase of the pump (Tab. 5.8).

The driver function d(t) realizes a switch between a diastolic and systolic
phase of the lymphatic pump (see Fig. 5.16). While the heart rate is given by
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Time (s)
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d
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driver function lymphs

Figure 5.16: Driver function d(t) of the lymphatic pump. A pumping cycle is
2 second long. The maximum frequency of the pump is 12 beat per minute.

the sinus node and thus, volume-independent, the activation of the lymphatic
pump depends on its filling volume Vliq [184]. There is less known about the
regulation of the lymphatic pump [202]. The maximal transport capacity of
the lymph within the lungs differs strongly among different references and also
varies for specific lung pathologies. It is reported to be higher in chronic heart
failure or mechanical damages of the pulmonary capillaries than in hydrostatic
edema [68, 202]. In this work, the maximal flow was derived due to the safety
factor introduced in [68, 202]. In fact, the lymphatic system is able to remove
the extra fluid filtration, which is caused by an increase in the pulmonary
venous hydrostatic pressure by 5 mmHg. This elevation causes an extra flux
of approx. 6.8∗10−6 Ls−1, according to the Starling-equation. The maximum
pump frequency is 12 beat per minute [184], which leads to an amount of
3.4∗10−5 L removed per lymphatic contraction. The pressure-volume behavior
of the pump is illustrated in Fig. 5.17.
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Figure 5.17: PV-curve of the lymph during a contraction

The lymphatic stroke volume is 3.518∗10−5 L. At a pump rate of 12 beats
per minute, the maximum possible absorption rate is 25.3 mLh−1 or 607.9 mL
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per day.

Parameter Value Unit
Rlym 1 cmH2OL−1 s
Vd,lym 0 L
Ees,lym 106 cmH2OL−1

V0,lym 8.731∗10−5 L
P0,lym 0.1527 cmH2O
λlym 50364 L−1

Rint 103 cmH2OL−1 s
Pvalve,in 10−6 cmH2O
Pvalve,in 10 cmH2O

Table 5.8: Parameters of the lymphatic model

Similar to the structure of the systemic veins, lymphatic flows are unidirec-
tional due to the non-return valves located along the lymphatic vessels. In
our model, these valves were modeled by two diodes (valve in and valve out,
see Fig. 5.15). The overall model is illustrated in Fig. 5.18. The sophisticated
model includes three different hydraulic media: blood flow in the circulation,
air flow in the respiration, and fluid flow in the lymphatics. The interstitial
pressure Pint is connected to all three systems.

5.3.2 Model extension for cardiogenic pulmonary congestion

During pulmonary congestion, the accumulated fluid affects the mechanics of
the lungs. Healthy human lungs with a dry weight of 1000 g [5] and a wet-
dry-relation of W

D ≈ 4 g
gdry

[109] contain approx. 800mL fluid in the intra-
and extracellular spaces. A acute pulmonary edema occurs by an increase of
interstitial fluid increases by 25 to 35% (+ 200 bis 300 mL) [21,109,202].

The lung tissue during congestion

As the interstitial pressure Pint rises, the fluid amount within the lung tissue
also increases. The maximal fluid volume is reached when (1) lung tissue is not
able to capture more fluid and (2) bronchial and alveolar edema occur [109].
In our model, the lung tissue compliance is extended to depend on the fluid
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5 Modeling of cardiopulmonary interactions and cardiogenic congestion

amount accumulated in the lung interstitium:

4Ptr,ti = 1
Cti
·Vlung + Psafe · (1−e−20·Vliq ), (5.14)

where Vliq presents the extra-fluid amount inside the lung interstitium. Psafe
is the maximum pressure gradient caused by the change in tissue elasticity.
Ptr,ti presents the transmural pressure of the lung interstitium and equals the
difference between the pleural and interstitial pressure (Ptr,ti = Ppl −Pint).
Psafe is determined to be 9.5 cmH2O due to the maximum rise in interstitial
pressure 4Pint = 6.8 cmH2O. Fig. 5.19 illustrates the influence of Vliq on the
PV characteristics of the tissue component.
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Figure 5.19: The shift of the PV characteristics of the tissue component re-
garding the interstitial liquid amount Vliq during the development of pulmonary
congestion.

The osmotic pressure during congestion

The critical venous pressure at which fluid starts to accumulate in interstitium
is defined as the safety factor in pulmonary edema [68]. A rise in the pulmonary
venous pressure by 13.6 cmH2O (10 mmHg) is critical before an alveolar edema
occurs [68, 202]. Note that the safety factor of 13.6 cmH2O is without a con-
sideration of the osmotic pressure, which can be up to 50% of the total safety
factor (20mmHg) [68, 109]. Indeed, as the fluid amount accumulated in the
lung interstitium rises, the protein concentration and the interstitial osmotic
pressure Posm,int decrease, which leads to a reduction of the fluid filtration
regarding the Starling equation. To compensate the safety factor difference, a
reduction of the osmotic gradient 4Posm,int = 13.6 cmH2O/σ ≈ 18.1 cmH2O
is considered. This corresponds to a reduction of almost 100% of the osmotic
pressure (Posm,int = 19 cmH2O).
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5.3 The fluid balance and the lymphatic system

In this work, a polynomial function of second order was used to model the
dependency of the osmotic pressure on the filtration rate [202]:

Posm,int = Posm,int,0 · (1−
√

Vliq
Vliq,max

). (5.15)

Posm,int,0 = 19 cmH2O presents the constant osmotic pressure without extra
fluid filtration, Vliq,max is the critical fluid amount (Vliq,max = 250 mL).

The alveolar and bronchial flooding

In later stages of pulmonary congestion, the distal bronchi and alveoli are
filled with fluid and collapse due to a reduction of surface tension [21,109]. The
pressure-volume characteristics of edematous bronchi and alveoli are character-
ized by an increase in the threshold opening pressure (TOP) and a reduction of
the compliance due to decreased surfactant concentration [21,32,32,228]. An-
imal trials predict a change of TOP up to 20 cmH2O [111]. In the model, the
change in the pressure-volume relationship of the alveoli and bronchi during
pulmonary edema is considered to be dependent on the fluid amount accumu-
lated in interstitial space Vliq. If Vliq exceeds 250 mL, an edema occurs in the
alveoli and peripheral bronchi (see Fig. 5.20). The alveolar TOP increases by
4PTOP = 10 cmH2O and the maximum alveoli compliance Calv,max decreases
by half of its value, from 0.3 to 0.15 LcmH2O−1. The parameter λ of the
peripheral bronchi (eq. (3.11)) increases from 18.38 to 36.76 L−1.
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Figure 5.20: Alteration in the PV characteristics of the peripheral bronchi and
the alveoli during edema. If the interstitial fluid amount exceeds a critical value
Vliq > 250 mL, their PV curves shift to the right, TOP increases and compliances
fall.

When a bronchial airway collapses, the fluid film surrounding the inner wall
of the bronchi causes the bronchi to stick together. To reverse this process,
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5 Modeling of cardiopulmonary interactions and cardiogenic congestion

i.e. to open the bronchi, a higher pressure is necessary to overcome the surface
tension of the new fluid layer [28, 170]. Chen et al. [28] estimated the open-
ing pressure Popen at 5 cmH2O at different levels of Ppl. In our model, the
closing and re-opening of the bronchi has been implemented by connecting the
compliance Cb in series with two diodes Din and Dout (an electrical form of
hydraulic valve). A positive flow through Din increases the bronchial volume
Vb and vice versa. If Vb drops below a threshold value, the opening pressure
(breakdown voltage of an electrical diode) of Din increases (Fig. 5.20, dashed
line).

5.4 Simulation results

5.4.1 Fluid filtration through the capillary walls
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Figure 5.21: Filtration and absorption of fluid
from capillaries to interstitium. Fluid is filtrated at
artery capillary end and absorbed at venous capil-
lary end. The net flux is approx. 1.2 ∗ 10−6 L/s.

Healthy subjects Figure 5.21
shows the simulation re-
sults of the fluid filtra-
tion for a healthy subject.
While the osmotic pressure
is constant at ∆Posm = 14.28
cmH2O, the transmural hy-
drostatic pressure is larger
than ∆Posm at the arte-
rial end (Pcap,art − Pint >
∆Posm). This positive pres-
sure gradient results in a
positive fluid filtration from
the capillaries into the inter-
stitium Icap,art ≈ 2.2 ∗ 10−6

L/s. At the venous end, the
process is inverse; the trans-
mural hydrostatic pressure is
below the osmotic gradient,
which results in a negative
flux Icap,ven ≈ −10−6 L/s.
About half of the fluid fil-
tration from the arterial cap-
illaries is reabsorbed by the
venous part, which results in
a net flux of Icap ≈ 1.2∗10−6 L/s. Although the model’s re-absorption rate of
approx. 50% is below the 90% rate reported in literature [68,184], the net flux

116



5.4 Simulation results

of 1.2∗10−6 L/s conforms the works of Miserocchi [135] and Wangensteen [217].
These authors reported a daily fluid amount of 103.7 mL fluid filtration from
the pulmonary capillaries to the interstitial space.
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Figure 5.22: Change in capillary pressure and
blood flow in heart failure. Blood flow becomes
positive at the venous capillary end. There is an
additional fluid filtration to the interstitial instead
of re-absorption. Regarding the high permeability
of the capillaries at the venous end, the venous flux
exceeds the flux at the arterial capillary end. The
total flux increases from 1.25∗10−6 L/s to 15∗10−6

L/s.

Heart failure Cardiogenic fail-
ure leads to an elevated pres-
sure in pulmonary circula-
tion and a rise in fluid fil-
tration. The simulation of
a left ventricular dysfunction
can be performed by reduc-
ing the elasticity of the left
ventricle Ees,lvf . Figure 5.22
presents the pressure and
volume changes during a sim-
ulated sudden heart failure,
where Ees,lvf falls to 20% of
it maximal value.

The transmural pressure
at the arterial end rises from
approx. 19.5 to 26.7 cmH2O,
the filtrated flow increases
by 3.8 ∗ 10−6 to 6.0 ∗ 10−6

L/s. At the venous end
of the capillaries, the trans-
mural pressure increases to
25.09 cmH2O, and therefore
to values larger than the av-
erage osmotic gradient. For
healthy subjects, the absorp-
tion process at venous end
becomes an additional filtra-
tion process due to the ele-
vated hydrostatic pressure. The amount of fluid filtrated at the venous end
even exceeds the amount at the artery end, which correlates to the observation
of Lenfant et al. [109]. The reason for this high filtration is the high permeabil-
ity of the capillaries at the venous end [109]. The net flux is Icap ≈ 15∗10−6

L/s, which results in 1296 mL within 24 hours.
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5.4.2 Lymphatic absorption

To demonstrate the lymphatic response to the change in pulmonary blood
pressure, simulations has been performed for different grades of heart failure.
The ventricle’s elasticity Ees,lvf has been reduced to 35% at t1 = 100 s and to
20% at t1 = 200 s, as shown in Fig. 5.23.
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Figure 5.23: Filtration volume at different levels
of the pulmonary venous pressure.

As a result of heart fail-
ure, the pulmonary venous
pressure increases by 7.67
cmH2O after t1 and again by
7.26 cmH2O after t2. The
gradient of the volume curve
Vcap corresponds to a posi-
tive fluid filtration from the
capillaries to lung intersti-
tium. The first pressure ele-
vation after t1 does not cause
a fluid accumulation in inter-
stitial space due to an adap-
tion of the lymphatic system
by increasing the pump fre-
quency. While the pump is
activated only once between
t = 50 s and 100 s, its rate
rises to approx. 0.18 Hz af-
ter t1.
After t2, the lymphatic

pump rate rises to 0.2 Hz and
achieves its maximum capac-
ity. However, the pump is not able to remove all the fluid filtration. The
simulation yield a safety factor of 7.67 cmH2O. This safety factor is slightly
above literature values (6.8 cmH2O). After t2, a positive change in edema-
tous fluid by 0.4 mLmin−1 is predicted by the model. The simulation results
shows that fluid filtration can be removed back to the systemic circulation via
the lymphatic system, as long as the safety factor regarding the pulmonary
pressure is maintained.

5.4.3 Cardiogenic pulmonary congestion and CPAP treatment

This part demonstrates the model behavior in the development of cardiogenic
pulmonary congestion and the effect of CPAP treatment via a long time sim-
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ulation (for over 90 hours). A heart failure with reduced Ees,lvf to 10% of
the normal value [83] was modeled at t = 12 hours which directly causes an
increase in the pulmonary blood pressures, and later, a lung congestion. A
CPAP treatment was started at t = 60 hours to demonstrate the effect of the
therapy in lung congestion. Simulation results are displayed in Fig. 5.24, 5.26,
and 5.25.
By reducing the elastance of the left ventricle to 10% of the normal value,

the venous pressure rose by 25 cmH2O and as result, the cardiac stroke volume
fell from 5.8 to 2.2 L/min. The intrathoracic blood volume (ITBV) increased
by 400 mL to 1.05 L. The extra tissue liquid Vliq rose from 0 to 221 mL within
12 hours, but is still below the critical volume of 250 mL (Fig. 5.24). Since
hormonal and neural regulation is not considered in the model, cardiac output
remained at a low level. The average interstitial pressure Pint increased from
−6.5 cmH2O at the beginning of the simulation to −0.5 cmH2O 12 hours after
the heart failure.
In the respiratory system, the pleural pressure Ppl fell from −7.5 cmH2O

to −10.5 cmH2O. The transmural pressure over lung tissue Ptr,ti rose from
1 to 10 cmH2O. Implementing the same respiratory muscles activity for the
whole simulation, tidal volume fell from 0.5 L by almost 60% to 0.23 L. The
static PV characteristics of the respiratory system moved rightward due to the
change in the lung compliance (Fig. 5.26). The total compliance of the system
was 25% smaller at point 2 (pulmonary congestion) than in point 1 (healthy).
The lung volume at FRC also fell by 1.1 L to 1.5 L.
The reduction of the lung volume during pulmonary congestion depends on

two factors. First, the extra interstitial fluid reduces the tissue compliance
Cti and make the lungs "stiffer" (Fig. 5.19). Second, a rise in total thoracic
blood volume suppresses the lungs and make it harder to expand. Since the
chest wall and the lung compliances are approx. the same, a rise by 400 mL in
ITBV results in a decrease of 200 mL in lung volume and an increase of 200
mL in chest wall volume (Fig. 5.25). In reality, an adaption of the respiratory
muscles is required to maintain a normal lung volume and gas exchange, which
increases the work of breathing and makes breathing heavier for patients with
congestive diseases.
At t = 60 h, a CPAP therapy with a PEEP of 10 cmH2O has been started.

PEEP had an immediate effect on the respiratory system: lung volume came
back to its normal value of 2.5 L at FRC. The tidal volume normalized at
500mL. The PEEP compensates the transmural pressure Ptissue, which in-
creased due to the fluid filtration into the interstitium. The pleural pressure
also returned back to its normal value and the system moved back to its nor-
mal operating point (point 3). Vliq fell from 221mL to 3mL within 12 hours.
ITBV fell by 150mL, the pulmonary blood pressure decreased by 7 cmH2O.
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Figure 5.24: Simulation result of lung congestion. At t=12 h, heart failure
is stimulated by reducing left ventricle elasticity to 10% of the original value.
Pulmonary blood volume and pressures increases, while cardiac output falls.
After 60 hours (2 days after occurrence of heart failure), a treatment with CPAP
therapy (PEEP = 10 cmH2O) is initiated simulatively.

The simulation predicts that the use of CPAP leads to an immediate normal-
ization of ventilation. The rise in the pleural and interstitial pressures via
CPAP "presses" the fluid out of interstitium and reduces ITBV.
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Figure 5.26: Static PV-characteristics of the respiratory system. Four opera-
tion points are marked during the simulation. Point 1: healthy, during the first
12 hours. Point 2: At t = 36 h, 24 hours under pulmonary congestion. Point
3: short after started CPAP therapy with PEEP= 10 cmH2O. Point 4: after 12
hours of CPAP therapy.

While the use of CPAP obviously improves the respiration, it has a negative
impact on the cardiac output, as expected. While a left heart failure already
reduces the preload of the right ventricle, the use of CPAP increases the intra
thoracic pressures and the afterload of the right ventricle, which causes a further
reduction in the cardiac output. In the simulation, cardiac output fell from 2.2
per minute to 2 liter per min during the use of CPAP 5.24.

121



5 Modeling of cardiopulmonary interactions and cardiogenic congestion

5.5 Discussion and summary

This chapter introduces a comprehensive model of the hemodynamic interac-
tion between the lungs and the cardiovascular system. The overall model in-
cludes more than 30 elements. Simulation speed was 30 times faster than real
time (on a PC with Intel Core i7-4770 CPU). The object-oriented modeling
language Simscape has the advantage that bi-directional interactions between
subsystems can be implemented via physical connections. Similar to chapter 3,
the model introduced non-linear behaviors of the components.
To our knowledge, this model is the first to focus on the non-linear func-

tionality of the lung mechanics with respect to static and dynamic behavior
of the compliances. The interconnections between the lungs and heart present
the most complex object-oriented approach in the state-of-the-art. Baseline
simulations and simulation with different testing scenarios (Mueller maneuver,
PCV, VCV) have demonstrated the accuracy of the model response compared
to clinical data and animal experiments.
Other novel works introduced in this chapter are the lymphatic model and

the fluid balance system. Simulation results have demonstrated the physi-
ological development of cardiogenic pulmonary congestion as the result of a
ventricular dysfunction. By simulation, the filtration and re-absorption of the
lymphatic fluid from the pulmonary capillaries to lung interstitium have been
shown to correlate with the elevation of the pulmonary blood pressure. CPAP
treatment has been demonstrated to affect the accumulated fluid and the lung
mechanics instantaneously, but may have a negative impact on the cardiac
output.
The model has a high potential for application. First, it should be use

as a demonstrator for educational and training purposes. It can help physi-
cians and biomedical engineers to understand the complex physiology of the
lung mechanics and cardiopulmonary interactions. Second, the model can be
used for further investigation on other cardiopulmonary diseases, such as pneu-
mothorax, cardiac tamponade, nightly fluid shift and peripheral edema, fluid
responsiveness, or ventilator-induced lung injuries. It should also be expanded
to capture the physiology of atelectasis, in order to model lung mechanics and
cardiopulmonary interactions during ARDS.
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6 Assessment of global and regional ventilation using
Electrical Impedance Tomography (EIT)

Boredom is only for people who do not know themselves
or the wonders of life.

Tom Brown Jr.

The existing pulmonary function tests spirometry, oscillometry, body plethys-
mography, and breath washout technique are restricted to functional and global
information [199, 212]. Yet, regional information is beneficial to assess hetero-
geneous changes in lung and to improve treatment in pathologies. Currently,
the chest x-ray is used to detect regional morphologic alterations with limited
validity, while a low-dose high resolution computed tomography is the gold
standard for evaluation of parenchymatous changes [45]. These techniques,
however, expose patients to harmful ionizing radiation that increases the risk
of radiation-related diseases, particularly by repeated examinations for longitu-
dinal monitoring. Magnetic resonance imaging (MRI) of the lung has become
a relevant diagnostic procedure, but the spatial resolution is still limited for
evaluation of early pulmonary diseases. The hyperpolarized He-magnetic reso-
nance imaging, a combination of morphological and functional MRI, is limited
to selected centers without providing routine diagnostics [171].
Since electrical impedance tomography (EIT) can provide regional informa-

tion of lung ventilation, it has a promising applicability in regional pulmonary
function. The linearity between the EIT-derived global impedance index and
lung volume allows the determination of gas flow in different parts of the lungs,
for instant, the left and right lung, or the four quadrants left dorsal, right dor-
sal, left ventral, right ventral of the lungs. Figure 6.1 illustrates the separation
of gas distribution between the left and right lung by means of EIT. This
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Figure 6.1: A respiratory model with extended structure of left and right lungs.
Electrical impedance tomography provides regional ventilation V̇le and V̇ri of the
left and right lung.
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6 Assessment of global and regional ventilation using EIT

chapter demonstrates the use of EIT in lung function testing based on mea-
surement results obtained in different human studies. The first section focuses
on EIT measurements during the Tiffeneau-test demonstrating its discrimina-
tive power for healthy and asthmatic patients. The second section introduces
a novel measurement modality by combining EIT and the Forced Oscillation
Technique (FOT).

6.1 Diagnosis of pulmonary function with EIT during forced
expiratory maneuvers

Simultaneous EIT measurements during forced expiratory maneuvers (Tiffeneau-
test) have been investigated by different research groups [107,108,165,212,213,
229]. These authors aimed to assess pulmonary function by analyzing the global
impedance index measured with EIT. However, an important requirement for
the use of EIT during forced expiratory maneuvers, the linearity between EIT
impedance changes and gas volume at maximum lung volume level, has not
been reported before. This section investigates the linearity between EIT and
spirometric data during forced expiratory maneuvers in healthy adults and
pediatric patients with obstructive diseases.

6.1.1 Study design

Study on healthy adults Seven lung-healthy volunteer adults (1 female, 6
male, aged from 21 to 55 years) were asked to follow three breathing sequences
illustrated in Figure 6.2. Each sequence included an apnea phase with 10 s
breath holding, a synchronizing phase with five normal breaths and a test
phase. There were three different types of test:

• Test 1: Slow breathing with increasing effort. Beginning with a small
tidal volume, subjects were animated to achieve maximum and minimum
lung volume after 4 to 6 breath cycles by increasing the tidal volume after
each breath. The respiratory rate should remain low.

• Test 2: Slow breathing with maximum effort. Subjects conducted five
normal breaths, followed by ten breaths at maximum lung level.

• Test 3 (Tiffeneau-test): Forced expiration maneuver according to ATS/ERS
guidelines [133]. Subjects performed forced expiration from total lung ca-
pacity to the residual volume under vigorous exhalation.
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Test 3

time

Volume

apnea
spont. breathing

forced expiration maneuvers

FRC

Figure 6.2: Sequence of test 3 (forced expiration maneuver): apnea, tidal
respiration, and three forced breathing maneuvers according to ATS / ERS rec-
ommendation to perform spirometry, modified from [147].

Study on pediatric asthmatics and controls The data analyzed in this work
was recorded by Dr. med. Sylvia Lehmann in the clinical study no. CIV-14-03-
011942 (no. of Ethics Committee approval EK088) at the University Hospital
Aachen between June 2014 and January 2015. The study was designed as a
prospective observational study, in which healthy children and those with ob-
structive lung diseases were examined during lung function testing, including
positive bronchospasmolysis (BSL) in accordance with the ATS/ERS guide-
lines [19,133]. This work focuses on data obtained from n = 58 asthmatic and
58 age-matched lung healthy children. The n = 58 asthmatic patients were
11.86±3.13 years old in average, with a mean BMI of 20.89±4.73, which are
close to those of the healthy controls (age 12.12 ± 2.90 years old, BMI 19.04
± 4.35).

Data acquisition and data processing Respiratory flow V̇ (t) was captured
by a MasterScreen Body (Care Fusion Inc., Hoechberg, Germany) with a flow
sensor of Fleisch type. In the volunteer study on adults, raw data of flow
and volume were exported for further signal processing. In the clinical study
on the children, lung function parameters were provided by the MasterLab
device with automatic selection of the best forced expiration maneuver from
three displaying loops. Parameters are: forced vital capacity (FVC), forced
expiratory volume in 1 second (FEV1), forced expiratory volume in 0.5 second
(FEV0.5), and maximum expiratory flow at 25, 50, and 75 % of FVC (MEF75,
MEF50, and MEF25), respectively.
EIT data were acquired with a PulmoVista 500 (Dräger Medical GmbH,

Lübeck, Germany) with the attached electrode belts. To generate an EIT
frame, the device applied an alternating current (IEC 60601-1-2, 80−130kHz,
automatic adjusted current amplitude) to the body. 16 consecutive current
injections at 13 adjacent electrode pairs resulted in 208 voltages during each
cycle, reduced to 104 linearly independent values due to reciprocity. The de-
vice can generate a frame rate of 50 frames per second. Data were converted to
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6 Assessment of global and regional ventilation using EIT

MATLAB file format for later analysis. An integrated finite-element-method-
based, linearized Newton-Raphson reconstruction algorithm for ellipsoid EIT
images was used to reconstruct 32× 32-pixel-images at every measured time
instance. Each pixel ∆z(k,t) represents the relative impedance change com-
pared to a reference (baseline). Let t be the time instance and k the position
(1 ≤ k ≤ 1024), the global impedance index ∆ZEIT(t) is defined as the sum
of the pixels ∆ZEIT(t) =

∑1024
k=1 ∆z(k,t). Tomograms were divided into four

16x16-pixel quadrants [107]. Further data analysis required a selection of one
forced breathing cycle and the computation of the maximum impedance change
during forced expiration FVCEIT [AU], as well as the impedance changes in
the first 1s and 0.5s, FEV1,EIT, and FEV0.1,EIT. To generate the conven-
tional form of a classic flow volume (FV) loop, d∆ZEIT(t)/dt was plotted over
∆ZEIT(t) after being mirrored and shifted to the origin.

Scaling EIT-data At lower lung volume changes, a strong correlation of EIT
data and lung volume in dogs was documented already back in 1997 by Adler
et al. [2], which was confirmed by e.g. Marquis et al. in humans for diverse
anthropometric parameters and body positions [122]. This relation can be
written as:

Vspiro(t) = a∗∆Zglobal(t) + b, (6.1)

where a represents the scaling factor from EIT arbitrary unit [AU] to liter [L]
and b is an offset. These coefficients were calculated differently in the two data
set regarding disposability of the data. Since raw data of flow and volume were
available in the volunteer study, a and b were calculated by the least squares
(LS) method minimizing the error

E(a,b) =
N∑
n=1

(Vao(t)−a∆ZEIT(t)− b)2, (6.2)

where N is the number of data points belonging to the first five spontaneous
breathing cycles (synchronous phase). In the pediatric study, a was calculated
regarding FVCspiro [L] and FVCEIT [AU]:

a= FVCspiro/FVCEIT (6.3)

With respect to a, EIT-derived lung function parameters were scaled from [AU]
and [AU/s] to [L] and [L/s]. Note that a and b differ among the measurements
and do not yield any physiological relevance.
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6.1 Diagnosis of pulmonary function with EIT during forced expiratory maneuvers

Statistical analysis Statistics was performed in Matlab 2015b to demonstrate
the correlation between both measurement modalities. For the volunteer study,
the algorithm searches maximal and minimal peaks of the scaled EIT signals,
calculates the EIT-derived tidal volume and correlates them with spirometric
data. Pearson’s test with Bland-Altman and box-whiskey-plot were applied on
the data. A p-value < 0.05 was considered statistically significant.
For the pediatric children, a spirometry test result was considered positive

in terms of asthma if the Tiffeneau-index (TI) FEV1/FVC was reduced (TI <
90% for children < 12 years old and TI < 80% for children ≤ 12 years old), and
the bronchodilator test was positive (∆FEV1 > 12%). A binary classification
test was performed for the TI and the bronchodilator results considering the
spirometry as gold standard, as shown in Fig. 6.3.
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Figure 6.3: Binary classification test for the Tiffeneau index and the bron-
chodilator result measured by EIT on asthmatic and control children compared
with the standard spirometry. Inclusion criteria: TI < 90% for children un-
der 12 years old and < 80% for children between 12 and 18 years old; positive
bronchodilator test (∆FEV1 > 12%) [143].

6.1.2 Linearity between EIT and spirometry in healthy adults
For illustration, selected volume and flow data are illustrated in Fig. 6.4(a)
(test 1 and 2 from subject 1) and Fig. 6.4(c) (test 3 from subjects 2 and 3),
where spiromtric data is presented in blue lines and EIT data in red dash-lines.
Though the parameter a and b were calculated on data of the first five spon-
taneous breathing, Vao(t) and VEIT(t) correlate accurately for lung volumes
during breathing with increasing and maximum effort, as well as during forced
expiration maneuvers. At the beginning of the forced expiration, where the
lungs are at maximum inspiratory levels, a small deviation in volume can be
observed.
Figure 6.4 (b and d) show the correlation and Bland-Altman plots for spiro-

metric and EIT data of test 1 and 2 (b) and test 3 (d) from seven lung healthy
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adults. The results yield high correlations (r = 0.993, p < 0.001) and a low
Bland-Altman mean bias (0.243) between EIT and spirometry during test 1
and 2. In test 3, also a high correlation (r = 0.998, p < 0.001) can be ob-
served; however, the mean bias (0.323) is slightly higher than in test 1 and
2. Figure 6.5 presents the correlation and Bland-Altman plots for the lung
function parameter FEV1 (a), Tiffeneau-index FEV1/FVC (b), and flow pa-
rameter PEF, MEF25, MEF20 and MEF75 (c). Again, high correlations can
be observed in all parameters: r = 0.81, p < 0.001, MEAN −0.074 for FEV1;
r= 0.8491, p< 0.001, MEAN−0.07216 for FEV1/FVC, and r= 0.965, p< 0.001
for flow parameters.
In some of our measurements, an inaccuracy of the peak flow during the

forced expiration maneuvers was observed. Two exemplary FV loops from
subjects 3 and 4 with calculated parameters are depicted in Fig. 6.5 (d). While
the EIT and spirometric FV loop from subject 4 shows a high fit, there is a
drift in the FV loops from subject 3. This indicates a good, but imperfect
linearity, especially at the beginning of the forced expiration. This moderately
lower linearity adjusts towards the end of expiration.

6.1.3 Linearity between EIT and spirometry in pediatric patients
with asthma

Correlation in lung function parameters Figure 6.6 displays box-whiskey
box plots and correlation values EIT and spirometry in pediatric patients with
asthma. The mean spirometric value of FVC was 2.48± 0.93 L in the con-
trols and 2.37± 0.92 L (2.42± 0.93 L) in the asthmatics before (after) BSL.
A strong correlation was found in FEV1 and FEV0.5 (all p-values < 0.05, all
r-values > 0.9). MEF75, MEF55, and MEF25 values also correlated well with
p-values < 0.05 and r-values ranging from 0.673 to 0.805). Similar to data of
heathy adults, small deviations were found at the higher flows (MEF75). Mean
MEF75 were 4.62± 1.61 L/s in spirometry for the controls, slightly above in
EIT (6.16±2.77 L/s), with an r-value of 0.673. At lower flows, a better corre-
lation between EIT and spirometry was documented (r = 0.792 for MEF50 and
r= 0.805 for MEF25). Similar correlations were found in data of the asthmatic,
as demonstrated in the Bland-Altman analysis shown in Fig. 6.7. Table A.5
depicts the mean values and standard deviation (SD) of lung function parame-
ters measured by spirometry and EIT on 58 asthmatics before and after BSL,
as well as 58 age-matched healthy controls.
We speculate that the reason for the nonlinearity at the beginning of the

forced expiration could be attributable to two aspects. First, the PulmoVista
500 was originally designed for monitoring of patients undergoing mechanical
ventilation in an intensive care unit. The normal tidal volume is significantly
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Figure 6.4: Correlation between spirometric and scaled EIT data measured on
healthy adults. a) Breathing with increasing (test 1) and maximum effort (test
2) from subject 1. b) Correlation and Bland-Altman plots for different tidal
volume from seven lung healthy adults. c) Forced expiration maneuvers (test 3)
from subjects 2 and 3. d) Correlation and Bland-Altman plots for forced vital
capacity (test 3). Modified from [147].
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Figure 6.5: Bland-Altman analysis of FEV1 (a), Tiffeneau-index FEV1/FVC
(b), and flow parameter (c) for spirometry and scaled EIT data. (d): Flow-
volume loops and the spirometric parameters, measured from healthy adults 3
and 4. Modified from [147]
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6.1 Diagnosis of pulmonary function with EIT during forced expiratory maneuvers

smaller and the process is slower than during a forced expiration maneuver.
Since the reconstruction matrix used in the present study is based on a linear
approach developed for normal tidal volumes, a more precise reconstruction
algorithm might increase the accuracy of the EIT signals. Other nonlinear as-
pects such as the change in thorax circumference, the position of the electrodes,
and the position of the tissue and respiratory muscles may be considered in
this approach. Second, during a forced expiration maneuver, the respiratory
muscles contract maximal, the intra-thoracic pressure increases rapidly. As a
result, the venous return is reduced and the cardiac output is increased instan-
taneously. The reduction in the intra-thoracic blood volume causes a further
disturbance in the measured EIT signals. More experiment should be set up
to clarify these hypotheses.

The use of Tiffeneau-index and positive BSL in discriminating asthma In
asthmatic patients, all lung function parameters increased after BSL. FVC
increased from 2.37± 0.92 to 2.42± 0.93, and FEV1 from 2.16± 0.83 (2.24±
0.85 by EIT) to 2.29± 0.86 (2.36± 0.89 by EIT). This resulted in a positive
bronchodilator index ∆FEV1[%] = 7.44±12.94 (4.79±12.93 by EIT). Positive
effects of BSL on the asthmatic patients were also documented in MEF75,
MEF50, and MEF25.
The results of the binary classification tests on the Tiffeneau-index and the

bronchodilator index are presented in Fig. 6.8, considering spirometry as the
gold standard. For the Tiffeneau-index, the data were split into two groups, i.
e. children over and below 12 years of age regarding the different criteria for
pathological asthma [1]. The binary classification test yields high sensitivity in
∆FEV1 (86.67%) and low sensitivity in TI (25% and 35.29%). High specificities
(> 93%), high positive predictive value (≤ 75%) and high negative predictive
value (> 80%) can be observed in all three criteria. No significant differences
between the two groups of age is documented.
Since the FV loops of the asthmatics exhibit typical concave forms [133], a

graphical comparison of these loops in the asthmatics and controls is clinically
useful. However, since a large number of our pediatric patients were under
medical treatment and hence, exhibited normal pulmonary function values, a
graphical comparison of n=58 would not demonstrate the discriminative power
of EIT between healthy and asthmatic FV loops. A better comparison will be
between n=10 patients (3 under 12 years old and 7 over 12 years old) who had
confirmed pathological asthma (reduced TI index and positive bronchodilator
test) with selected age-matched controls. Figure 6.9 illustrates the mean FV
loops of these 10 patients (divided into two groups of different ages) and the
controls in the same diagrams.
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controls and n=58 asthmatics before and after BSL.
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Figure 6.7: Bland-Altman plot. Data obtained from n=58 controls and n=58
asthmatics before and after BSL.

6.1.4 Regional EIT-derived flow volume (FV) loop

An EIT scan displays a 32x32-pixel image at one time instance. To investigate
regional characteristics, each tomogram was divided into four quadrants, i.e.
right dorsal (RiDo), right ventral (RiVe), left dorsal (LeDo), and left ventral
(LeVe) with 16x16 pixels each. By summing up the temporal impedance change
of the pixel for each quadrant, regional impedance indexes can be calculated, e.
g. ∆ZRiDo =

∑
i∈RiDo∆Zi(t) [107]. Figure 6.10 illustrate global and regional

FV loops of three representative asthmatic patient (I-III). The deviation be-
tween the spirometric and EIT-derived global FV loops at maximal flow can
be observed. The regional FV loops confirm positive BSL. The effect of BSL
is inhomogeneous among the lung quadrants: Larger positive bronchodilator
occurs in left dorsal and right ventral lung quadrants.
It should be noted that there is no existing reference for the regional lung
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Figure 6.8: Binary classification test for TI and bronchodilator index [143].
Top: FEV1/FVC < 80% for n = 35 x 3 children ≤ 12 years old (control, asthma
before and after BSL). Center: FEV1/FVC < 90% for n = 23 x 3 children <
12 years old (control, asthma before and after BSL). Bottom:∆FEV1[%] > 12
for n = 58 asthmatic children. TP = true positive, FP = false positive, TN =
true negative, FN = false negative, PPV = positive predictive value, NPV =
negative predictive value.

function for this group of children. Non-invasive radiological technique, e.
g. hyper-polarized He-magnetic resonance imaging, was not performed due
to non-availability and ethical reasons. Thus, quantitative evaluation and in-
terpretation of the results depicted in Fig.6.10 is difficult. However, our re-
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sults demonstrate the usability of EIT to monitor not just regional ventilation
changes in diagnostic procedure, but also to determine efficacy of local drug
effects for therapy.
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6.2 Introduction of oscillatory Electrical Impedance Tomography (oEIT)

6.2 Introduction of oscillatory Electrical Impedance
Tomography (oEIT)

The use of EIT in the Tiffeneau-Test for regional lung functions is not suited for
infants, young children, and patients with serve lung damages, since the forced
expiration maneuvers requires strong patients’ cooperation. In this section, we
investigate a new measurement modality to assess regional lung mechanics by
combining EIT and FOT. The new technique is named oscillatory electrical
impedance tomography (oEIT).
The measurement system of oEIT, illustrated in Fig. 6.11, consists of an

FOT device, a flow and pressure sensor system, and an EIT device. The
FOT measurements were performed as described in Chapter 4. Simultaneously,
EIT frames were generated with the PulmoVista 500. Measurements were
performed on n= 5 healthy volunteers (four male, one female, age between 23
and 55). Subjects were asked to perform an apnea for 10s, followed by normal
breathing.

EIT
Device

Computer

Bacteria filter
FOT

ao
P (t)

V (t)
.

Device

ao

Figure 6.11: The oEIT measurement system [149].

6.2.1 Visibility of FOT frequencies in EIT signal

∆Zeit(t,5Hz) and its derivative d∆Zeit(t,5Hz)/dt on a exemplary measurement
at fos = 5Hz are depicted in Fig. 6.12. In the apnea phase, ∆Zeit(t,5Hz)
remains unchanged except of small cyclic perturbations at heart rate. The
5Hz-oscillations are visible in the derivative d∆Zeit(t,5Hz)/dt. The results
indicate the visibility of the FOT frequency in the EIT response.
Fig. 6.13 presents a representative magnitude of the Fourier transforms

computed for V̇oEIT(t) measured with EIT. V̇oEIT contains three groups of
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Figure 6.12: oEIT impedance signal and its time derivative measured from
subject ID2 at 5 Hz. Values are given in EIT arbitrary units [a.u.] [149].

frequency components: spontaneous breathing (SB) at approximately 0.5Hz,
heart/cardiac activity (H1, H2, H3) and oscillation (O1 , O2). H2 and H3 are
harmonics of H1, which has the highest peak at approximately 1.4Hz. Sim-
ilarly, O1 is maximal at the oscillation frequency 5Hz, while a smaller peak
at the second harmonics O2 can be observed at 10Hz. In contrast, only the
components of spontaneous breathing (SP) and oscillation (O1 and O2) can be
observed in the FFT of Pao and V̇ao. They are, as expected, free of the blood
irrigation influence caused by cardiac activity.
The linear coefficient Eos(fos) is defined as the ratio between the FFT oscil-

lation peak in oEIT and pneumotachograph signal, scaled by that ratio during
spontaneous breathing:

Eos(fos) =
∣∣∣FFT (V̇ )oEIT(fos)
FFT (V̇ )ao(fos)

∣∣∣ · ∣∣∣ FFT (V̇ )ao(fSB)
FFT (V̇ )oEIT(fSB)

∣∣∣.
with fSB the peak frequency of the spontaneous breathing. Eos = 0 means that
no oscillation can be recorded by EIT, while Eos = 1 implies that the entire
oscillatory signals have reached the lungs and can be captured by oEIT.
Figure 6.14 shows the values of Eos(fos) in percent for all measurements. A

general trend of Eos(fos) with higher values at low frequency, a maximal value
between 3−6 Hz and a drop after 10 Hz can be observed.

6.2.2 The band-pass filtered oEIT signal
Regional information provided by oEIT can be presented in the form of a spa-
tial 2D image. A restrictive band-pass filter at fos was applied to every pixel
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∆zoEIT(i, j,fos) to exclude any cardiac or spontaneous breathing activity. The
band-pass filtered oEIT images have the same orientation of unfiltered EIT
images (Fig. 6.15). Fig. 6.15 also depicts three random consecutive oscilla-
tory cycles for bandpass-filtered oEIT volume and flow. The signals consist
of sinusoidal oscillation with a period of Tos = 0.2s. Each period includes 10
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images numbered from 1 to 10. ∆zoEIT(i, j,fos) are shown on the left side (v1-
v10) and the derivative d∆zoEIT(i, j,fos)/dt on the right side (f1-f10), where
fi = vi+1−vi, i= 1..10. Each oscillatory cycle starts at low lung volume (v1),
reaches the maximum after 5 sampling times (v5-v6), and ends at minimal lung
volume (v10). Pixels with impedance almost equal to zero were set to white
to separate the lung and non-lung regions.
Regarding the results, we hypothesize several properties of the band-pass

filtered oEIT signal:

• Band-pass filtered oEIT images have repeating patterns in several con-
secutive oscillatory cycles. The images v1-v10 do not alter significantly
among three oscillation cycles.

• Absolute value of band-pass filtered oEIT flows is fos
2 -periodic. The im-

ages f1, f2, f3, f4, f5 are almost equal to f6, f7, f8, f9 and f10, respectively,
with a sign conversion.

• Ventilation appears to be stronger in ventral than dorsal lung regions. In
Fig. 6.15, ventral ventilation is stronger in oEIT volume and flow images
(see v2, v3, v4, f2, f3, f4,...). The effect of the sinusoidal perturbation
might be considered as small amplitude mechanical ventilation which
causes a stronger gas distribution in the ventral regions [152].

• A band-pass filtered oEIT cycle is observed to consist of a homogeneous
and an inhomogeneous phase. Each positive or negative half cycle could
be divided into a homogeneous phase (images f1, f2) and an inhomoge-
neous phase (images f3-f5). After f3, the oEIT volume becomes left-right
inhomogeneous. The positive oEIT flows concentrates in an oval region-
shaped region, while flows in other regions have already become negative.

6.3 Summary

There has been an increasing interests in the use of EIT for global and re-
gional lung function diagnostics. Strict correlation of EIT impedance change
and thoracic air content has been reported in the literature for normal tidal
breathing. Our studies on healthy subjects and asthmatic pediatric patients
investigate this correlation for the forced expiratory maneuvers. Results show
a strict linearity between global EIT and spirometric data in all parameters
(FEV1,FEV0.5,MEF75,MEF50,MEF25). The EIT-derived Tiffenenau index
and the bronchodilator test index have a high potential in assessing asthma in
pediatric patients. The EIT-derived mean FV loops of the asthmatic children
yield typical concave shapes with improvement of the FV loops before and after
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BSL. Regional lung function may be illustrated by regional FV loops obtained
by EIT for different lung regions. Further studies on regional pulmonary func-
tions with EIT are needed to validate the findings, since no established gold
standard for regional lung function exists.
Another method for regional pulmonary diagnostics is the novel combination

oEIT between EIT and FOT. Measurements on healthy subjects show the
visibility of FOT frequencies in the Fourier transform of the global EIT index.
Optimal oEIT frequencies are between 4Hz and 10Hz. The band-pass filtered
oEIT signal demonstrates the dynamic behavior of different lung regions and
might become a future tool in regional pulmonary function.
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7 Discussion and outlook

The journey is what brings us happiness not the destination.
Dan Millman

This book has accompanied us on a long journey throughout the complex
physical nature of lung mechanics and a wide range of comprehensive math-
ematical descriptions and measurement methodologies. Following the goals
defined at the beginning, various facets are comprised in this research. Start-
ing with a nonlinear lumped modeling approach, the thesis continues applying
model-based analysis to reevaluate existing pulmonary testing methods and to
develop novel, innovative advances in respiratory measurements. Sophisticated
models of the lung-heart interactions including the lymphatics and the inter-
stitial fluid filtration contributes to a better understanding in the systematic
development of cardiopulmonary diseases.
Throughout this work, miscellaneous scientific contributions have been achie-

ved. Some of them are in the center of scientific discussions in the current
state-of-the-art. Reviewing the chapters of this book, some answers can be
proposed for the discussions:

1. Are object-oriented programming languages useful for modeling of com-
plex physiological systems?
Yes, definitely.
The use of object-oriented modeling language (OOML) in simulation of
technical systems is not a new approach. In 2008, Mathworks released
the first Simscape version in their R2008a+ product. Object-oriented
applications in the fields of biophysical and medical systems came later
and are still moderate. Only a few publications can be found which
use OOML to model biophysical systems: Brunberg 2009 (Dymola) [24],
Barnea 2010 (Matlab Simpower) [7], de Canete 2013 (Simscape) [36],
Heinke 2015 (Dymola) [77]. The models introduced in this research are
the most comprehensive OOML model of the cardiorespiratory mechan-
ics so far. The OOML Simscape™ exhibits the following significant ad-
vantages over more "traditional" modeling tools (Fortran, C++, Matlab
Simulink™):

• The graphical implementation of complex model structure in OOML
is intuitive for developers. In text-based programming language, the
engineer has to deal with a great amount of equations which explodes
for complex systems. More detailed comparisons between the causal
(text-based, signal-oriented) and acausal modeling (OOML) are dis-
cussed in [36,99]. In OOML, the implementation of constitutive and
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phenomenological equations are "decentralized", i.e. coupled with
a graphical component, and no explicit implementation of balance
equations is needed. The meaning of the components in a graphical
model is directly understandable.

• OOML can connect subsystems bi-directionally as in the real physi-
cal world. This was demonstrated with the interconnection between
the respiratory and cardiovascular system in our model. While car-
diopulmonary models published by other authors consider an uni-
directional between these systems, i.e. the changes in cardiovascular
blood pressures and volume regarding in- and expiration [3,89,117],
our model describes the interactions in both directions, for example
the development of cardiogenic pulmonary congestion.

2. Are nonlinear multi-compartment models of lung mechanics recommended
for off-line or even real-time applications in respiratory care?
Yes, perhaps.
In most applications in respiratory care, the respiratory system are ap-
proximated by a simple resistance-compliance model [111]. This simplifi-
cation has become a standard description in all physiological and medical
textbooks [68, 96]. However, this model structure is too simple to ade-
quately present the highly non-linear mechanics of the lungs. It is obvious
that with only two parameter Rrs and Crc, descriptions of pathological
conditions are very limited.
The respiratory model introduced in Chapter 3 has demonstrated its
ability to model more complex nonlinear behaviors of the lungs. The
compartmentalization ensures an equivalent between mathematical de-
scription and physiological interpretation. It should be noted that the
developed model demonstrates the first use of OOML in analysis and
evaluation of respiratory mechanics, as shown for the interrupter tech-
nique in Chapter 3.
Multi-compartment modeling yields more possibilities in interpretation
of measurement data regarding physiological equivalent and possible dis-
turbances. Furthermore, since the simulation in Simscape™ is more than
ten times faster than in real-time, model-based online monitoring and de-
cision support can be considered as potential applications of the model
in future research.

3. Is there a clear physiological and physical coherence between the respira-
tory parameters measured with different pulmonary testing method, such
as body plethysmography, interrupter, and forced oscillation technique?
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With high probability.
In the current state-of-the-art, the coherence between the parameter ob-
tained with the body plethysmography (Raw), the interrupter technique
(Rint), and the forced oscillation technique at different frequencies (R5,
R20, Z(jω)) is not clearly addressed. Clinical studies showed correlation
among the value of these parameter in presence of pathologies, however,
did not focus on the underlying physiology. The model-based analysis
discussed in Chapter 3 and Chapter 4 proposes clear correspondences
between the compartments and the measurement techniques. The inter-
rupter resistance Rint comprises the airway resistance Raw and chest wall
damping Rcw.

4. Does model-based parameter identification provide additional diagnostic
information beside the respiratory impedance measured with FOT? And
if yes, which models should be used?
Yes and no.
Recently, an interesting discussion on the use of the respiratory impedance
Z(jω) in pulmonary function testing and lung monitoring has been car-
ried out by world leading scientists in lung mechanics [8]. The main
discussion was between Bates, who supported the use of Z(jω) in re-
lation with the constant-phase model and Mitzner, who questioned the
contribution of Z(jω) in clinical praxis. The discussion indicated that the
interpretation of G and H in the constant-phase model estimated with
Z(jω) is not persuasive to describe the changes in lung mechanics during
pathological conditions. Unfortunately, Mitzner and Bates focused their
discussion only on the constant-phase model (which they considered as
the newest, most advanced model) and did not consider the Mead model.
Our model-based analysis with the step-by-step model simplification has
pointed out, that the RIC, eRIC, aRIC, and visco-elastic models are sim-
plification of the Mead model. Indeed, the Mead model presents the
best correspondence to lung physiology, while the constant-phase and
DuBois’s models overestimate the influence of lung tissue damping.
The results of this research support the use of the eRIC model for normal
FOT, aRIC model for FOT including frequencies above 20 Hz, and the
v-eRIC+ model for volume-dependent FOT measurements.

5. Is the object-oriented cardiopulmonary model able to reproduce the sys-
tem behaviors physiologically during various scenarios from spontaneous
breathing to mechanical ventilation?
Yes, it is.
The object-oriented model of the cardiopulmonary interactions was val-
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7 Discussion and outlook

idated for spontaneous breathing, the Mueller maneuver, and different
mechanical ventilation modes. In most cases, model behaviors correlate
well with clinical and animal data. It should be noted again that model
parameters remained constant during all simulation, i.e no parameter
estimation and adaption was performed to fit the data.
The model does not include the cardiac and respiratory regulation, thus,
is almost completely passive in its current form. All of the components
except the driver functions are passive elements (resistance, compliance,
diodes, inertance). Simulation results have suggested that the passive
intrathoracic pressure as a mechanical coupling between the cardiovas-
cular and respiratory system has an important role in cardiopulmonary
interactions.

6. Are the lymphatics and the fluid balance system successfully modeled?
Likely.
There is a lack of understanding the physiological functionality of the
lymphatics, and also a lack on animal and clinical data of the lymphs. As
a first pilot simulative study, a comprehensive extension of the model was
considered. The respiratory system was coupled with the cardiovascular
system over the lymphatics. Simulation results have demonstrated the
expected behaviors of the lymph, the fluid filtration and re-absorption
during the development of cardiogenic edema and the effect of CPAP
therapy. Similar simulations can be used to design future clinical study
for a better understanding of the lymphatics and thoracic fluid balance.

7. How much potential does Electrical Impedance Tomography have as a
future tool for online monitoring and assessing of global and regional lung
mechanics?
Very high potential.
Existing lung function methods are restricted to global information. By
contrast, the Electrical Impedance Tomography provides a non-invasive
tool to assess regional dynamic functionality of lung mechanics. This
research presents the novel use of the EIT-derived flow-volume loop in
diagnosing of asthma in pediatric patients. Linearity between EIT and
spirometry was reported in adults and children with a slight deviation
at the maximum flow. This research also proposed a novel combination
between EIT and FOT and demonstrates the visibility of high frequency
components in the EIT signal. Combination between EIT and other
measurement modalities such as body plethysmography and interrupter
technique, as well as a large clinical study for oEIT should be considered
in future researches.
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A.1 Non-linear parameter identification using Least Squares
fitting

Least Squares is a standard method in regression analysis to estimate the solu-
tion of overdetermined equation systems. It minimizes the sum of the squares
of the residuals between data and model. The sum of the squares error S is
given as:

S =
n∑
i=1

r2
i =

n∑
i=1

(yi−f(xi,θ))2 = ‖y−f‖22 . (A.1)

ri is the error between data yi and model f(xi,θ) for the i-th model equation.
The vectors y ∈ Rn, f ∈ Rn and θ ∈ Rm present the measurement data, the
model outputs, and the parameters. The Least Squares method is generally a
minimization problem minθ ‖y−f‖22.
For parameter estimation of lung mechanics in the frequency domain, a non-

linear Least-Squares fitting can be applied. The estimation problem can be
written as:

min
θ
‖Zmeas−Zmodel‖22 = min

θ

∥∥∥∥( ZR,meas−ZR,model
ZX,meas−ZX,model

)∥∥∥∥2

2
(A.2)

= min
θ

∥∥∥∥∥∥∥∥∥∥∥∥∥



ZR,meas(ω1,θ)−ZR,model(ω1,θ)
...

ZR,meas(ωn,θ)−ZR,model(ωn,θ)
ZX,meas(ω1,θ)−ZX,model(ω1,θ)

...
ZX,meas(ωn,θ)−ZX,model(ωn,θ)



∥∥∥∥∥∥∥∥∥∥∥∥∥

2

2

,

with the impedance vectors Zmeas, Zmodel ∈Cm×(2n), the resistive impedance
vectorZR,meas, ZR,model ∈Rm×n, and the reactance vectorsZX,meas, ZX,model
∈Rm×n. m is the number of data points, and n is the number of the measured
FOT frequencies ω.
A non-linear fitting can be performed with the Matlab function lsqnonlin,

which is based on an upper and a lower limit of the parameters to be identified
on a trust-region-method [34]. The numerical solution for minimizing the error
by the trust region method is not a global but a local minimum. The non-linear
function to be minimized is approximated by a quadratic function. Because of
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the trust region method, this approximation only takes place locally near the
iterations of the parameter vector. Hence, for the identification of respiratory
parameters, the choice of initial values of the parameter vector is an important
issue.

A.2 Reynold number, flow patterns, and Hagen-Poiseuille’s
law

In 1883, Reynolds examined patterns of flow by injecting ink into a water
stream through a pipe [185]. He found that flow could be described by two
different categories depending on its velocity: laminar and turbulent flow. This
classification is not only valid for fluids, but air flow can be divided into laminar
and turbulent flow as well. An important figure in characterizing flow is the
dimensionless Reynolds number Re, which is calculated as follows:

Re = vd

ν
= V̇ d

Aν
, (A.3)

where d is diameter and A is cross-sectional Area of a circular pipe. Re is
dependent on the properties of the passed pipe, the physical properties of the
fluid and the flow rate. If the shape of the pipe and the flowing fluid are
known, Re is linearly dependent on the flow rate and thus, can be employed as
a classification figure for flow regimes.
Laminar flow is characterized by a regular, ordered flow pattern [185]. Fig.

A.1(a) illustrates the laminar airflow in the main direction of flow with a
parabolic velocity profile. Laminar flow is found for low flow rates and for
Re� 2100 in circular pipes. For laminar flow, pressure is connected to flow in
a linear relationship:

∆P (t) =KV̇ (t) = 8µL
πr4 V̇ (t) , (A.4)

where K is a constant [70], which, for circular tubes, can be expressed by
physical properties of the fluid (or gas) and the length L and the radius r of
the tube. This relation is known as Hagen-Poiseuille’s law [87]. K corresponds
to the laminar flow resistance of a pipe:

Rlaminar = 8µL
πr4 . (A.5)

For increasing flow rates, air (or fluid) movements become turbulent. Fig.
A.1(b) shows the flow pattern for turbulent flow. The regular flow patterns are
abandoned by the addition of random fluctuations superimposed on the velocity
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A.2 Reynold number, flow patterns, and Hagen-Poiseuille’s law

Figure A.1: Patterns for different flow regimes.

component in direction of flow [185] and air moves chaotically. The irregular
movement of flow causes additional friction and the pressure-flow relationship
becomes non-linear:

∆P (t) =KV̇ α(t), α ∈ [1.75;2] , (A.6)

where K is a constant, [70]. In a circular pipe, turbulent flow is associated
with Re� 4000 [185].
Laminar flow does not change to turbulent flow abruptly and for 2100�Re�

4000 flow transfers through a transition regime [185], in which both laminar
and turbulent flow attributes are found. The pressure-flow relationship in the
transition regime can be described by the Rohrer equation, which is defined as
follows:

∆P (t) =K1V̇ (t) +K2V̇
2(t) , (A.7)

where K1 and K2 are constants. Turbulent flow resistance of a pipe is flow-
dependent:

Rturbulent =K1 +K2V̇ . (A.8)
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A.3 Respiratory modeling
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A.4 Sensitivity analysis of the Mead’s model
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Figure A.3: Sensitivity analysis of the parameter Rc, Rp, and Cb of the Mead’s
model.
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Figure A.4: Sensitivity analysis of the parameter Calv, I, and Ccw of the
Mead’s model.
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A.5 Parameter of the cardiovascular model

A.5.1 Heart

Driver functions of atria, ventricles and septum:

ela,ra(t) =Aa ·e
− 0.5

B2
a
·( HR

80 )2·(t−Ca· 80
HR )2

elvf,rvf(t) =
4∑
i=1

Ai ·e
− 0.5

B2
i

·( HR
80 )2·(t−Ci· 80

HR )2

+D

esept(t) = elvf(t) (A.9)

A, B, and C are the Gaussian magnitude, width, and delay, respectively [153].
HR is the heart rate. D is a baseline/offset which prevents the ventricular
pressure from reaching negative values. D is equal 0.02 for the left and 0.07
for the right ventricle.
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Figure A.5: Left and right ventricular driver functions.

Param. Units i= 1 i= 2 i= 3 i= 4
Av,i – 0.43 0.36 0.5 0.55
Bv,i s 0.045 0.035 0.037 0.036
Cv,i s 0.175 0.23 0.275 0.3
Aa – 0.9 – – –
Ba s 0.018 – – –
Ca s 0.065 – – –
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ESPVR and EDPVR of four heart chambers and septum:

Pes = Ees · (V −Vd)

Ped = P0 · (eλ(V−V0)−1)
P (V,t) = e(t) ·Pes(V ) +(1−e(t)) ·Ped(V )

Pressure-volume relationship of the pericardium:

Ppcd(t) = P0,pcd(eλpcd(Vpcd(t)−V0,pcd)−1)

Volume balance equations:

Table A.2: Parameters of the heart model.
Param. P0 V0 Vd λ Ees

Units cmH2O mL mL L−1 cmH2OL−1

la 1.1236 0 20 60 294.27
ra 1.1236 0 20 50 217.53
lvf 0.0926 20 15 33 3573.7
rvf 0.211 20 5 23 895.5
sept. 1.5096 2 2 435 66303
peri. 0.068 260 – 30 –

Vlvf = Vlv−Vspt
Vrvf = Vrv +Vspt

Vlv = Vlvf +Vspt

Vrv = Vrvf −Vspt

Vpcd(t) = Vla(t) +Vlv(t) +Vra(t) +Vrv(t)

A.5.2 Pulmonary and systemic circulation
Veins

Normal veins:
V = 1

λ
· log(Ptm + P0) +V0 (A.10)

Collapsed veins:
if V <= Vclp

155



A Appendix

V = 0.2 ·Vclp · tanh( 5
Vclp·λ·(Pclp+P0) · (P −Pclp)) +Vclp

Pclp = eλ(Vclp−V0)−P0
where Vclp is a threshold volume of collapsed veins.

Table A.3: Parameters of the veins.
Param. P0 V0 Vclp λ

Units cmH2O L L L−1

Syst. veins 6.328 1.8456 1.25 1.8361
Pulm. veins -3.567 0.0895 0.0625 10

Pulmonary capillaries

Pulmonary capillaries compliance:

V = V0 + 1
λ
· tanh(c ·Ptm + P0) (A.11)

Pulmonary capillaries resistance:

R= R1 ·
(V1−0.9Vmin)2

(Vt−0.9Vmin)2 (A.12)

Parameters of the pulmonary capillaries are given in Table 5.2. The systemic
capillaries are included in the systemic arteries.

Arteries

The pressure-volume characteristics of pulmonary and systemic arteries:

V −Vd = Ptm ·C (A.13)

Table A.4: Parameters of the arteries.
Param. C Vd
Units L/cmH2O L
Syst. arteries 0.0011 0.6
Pulm. arteries 0.0022 0.1
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A.6 Exemplary Simscape code of a model component

A.6 Exemplary Simscape code of a model component

The following Simscape code presents the non-linear resistance of the peripheral
airways. A component belongs to a domain (in this case electrical.branch) and
contains parameters, inputs, outputs, and equations. It should be distinguished
between algebraic (with ’=’) and physical equations (with ’==’).

component R_vessel < foundation.electrical.branch
% non-linear colapsible resistance
R1 = { 1, ’Ohm’ }; % R1
V1 = { 0.1, ’A*s’ }; % V1
Vmin = { 0.05, ’A*s’ }; % Vmin
end
inputs
Vol = { 1, ’A*s’ }; % Volume
end
outputs
Rout = { 1, ’Ohm’ }; % R_out
end
equations
let
R = R1*(V1-0.9*Vmin)/(Vol-0.9*Vmin);
in
v == R*i;
Rout == R;
end
end
end
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A.7 Spirometric and EIT-derived parameters

Spirometric parameters (pneumotachography)
Healthy controls Asthma before BSL Asthma after BSL

Mean % ref. Mean % ref. Mean % ref.
Mean ± SD pred. ± SD Mean ± SD pred. ± SD Mean ± SD pred. ± SD

FVC [L] 2.48 ± 0.93 78 ±15.9 2.37 ± 0.92 77.3 ± 15 2.42 ± 0.93 79.7 ± 14.7
FEV1 [L] 2.38 ± 0.87 90.3 ± 13.7 2.16 ± 0.83 83.7 ± 16.9 2.29 ± 0.86 88.9 ± 16
FEV0.5 [L/s] 1.86 ± 0.63 93.1 ± 16.9 1.64 ± 0.61 83.7 ± 20.5 1.80 ± 0.63 92.7 ±19.9
MEF75[L/s] 4.62 ± 1.61 93.4 ± 18.9 4.03 ± 1.6 80.1 ± 23.3 4.63 ± 1.67 92.1 ± 21.1
MEF50 [L/s] 3.5 ± 1.18 98 ± 21.6 2.75 ± 1.09 77.4 ± 23.3 3.37 ± 1.24 95.0 ± 24.6
MEF25 [L/s] 2.02 ± 0.77 109.3 ± 28.7 1.52 ± 0.67 82.7 ± 28.5 1.95 ± 0.81 106.3 ± 32.4
FEV1/FVC [%] 95.97 ± 4.56 115.2 ± 12.5 91.36 ± 7.62 108.8 ± 9.72 94.89 ± 5.68 112.6 ± 6.9
∆FEV1 - - - - 7.44 ± 12.94 -

EIT-derived spirometry parameters
Healthy controls Asthma before BSL Asthma after BSL

Mean ± SD - Mean ± SD - Mean ± SD -
FVC [L] 2.48 ± 0.93 - 2.38 ± 0.92 - 2.42 ± 0.93 -
FEV1 [L] 2.36 ± 0.87 - 2.24 ± 0.85 - 2.36 ± 0.89 -
FEV0.5 [L/s] 1.90 ± 0.73 - 1.79 ± 0.69 - 1.90 ± 0.73 -
MEF75 [L/s] 6.16 ± 2.77 - 5.24 ± 2.98 - 6.68 ± 3.51 -
MEF50 [L/s] 4.23 ± 1.89 - 3.84 ± 1.78 - 4.52 ± 2.17 -
MEF25[L/s] 2.25 ± 0.97 - 1.99 ± 0.92 - 2.34 ± 1.07 -
FEV1/FVC [%] 95.28 ± 5.93 - 94.22 ± 5.99 - 97.73 ± 3.67 -
∆FEV1 - - - - 4.79 ± 12.93 -

Table A.5: Mean values ± SD of lung function parameters, measured by spirometry and EIT on 58 asthmatics
before and after BSL, as well as 58 age-matched healthy controls [143].
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