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Abstract

Nearly all lung diseases begin with alteration of the composition of the extracellular matrix
(ECM) components, which eventually results in a change in the structural and mechanical
properties of the lung tissue. This research develops a viscoelastic network model for the
mechanical properties of the lung from the extracellular level to the tissue level. The ECM
is modelled to represent the effects of three major load-bearing components of the
extracellular matrix: elastin, collagen, and proteoglycans (PGs). The model helps us to
better understand the role of the extracellular matrix components in the mechanical lung
properties related to health and diseases. Determining the specific contribution of ECM
components to these mechanical properties can reveal the mechanical pathways of
respiratory diseases. Previous experimental studies have facilitated understanding of the
effect of selective digestion of ECM fibres at the tissue level. Despite the fruitful results of
these experimental studies, the impact of the ECM fibres across the scale is still not well
understood.
The model developed in this thesis mimics the alveolar network of lung parenchyma using
a hexagonal network. The elements of the network represent the alveolar walls, which are
modelled using a parallel, nonlinear, spring-dashpot configuration. The effect of collagen
fibres are modelled with a nonlinear spring in concert with a linear spring representing
elastin. A Maxwell model, included to represent the surrounding matrix, is utilised to
complement the viscoelastic properties for the tissue. The model has been used to link the
amount of collagen, elastin, PGs, and the tissue's mechanical properties. The model
parameters were set according to the area fraction of elastin and collagen within the
alveolar wall. Subsequently, the ratio of collagen-to-elastin was altered to investigate the
impact of material heterogeneity within the elements of the network.

Additional

hypothetical cross-diagonal elements were adjoined to the network to stabilise it. The
results of the model were validated using data from the literature. Finally, an airway was
built using the model to investigate the impact of interdependent forces between the airway
and alveolar network.
The heterogeneity in the geometric structure, similar to the real lung’s alveolar network,
is introduced to the network by randomly moving the network nodes. The results indicated
iii

that increasing the geometric heterogeneity of the model increased the heterogeneity of
the stress distribution amongst the individual alveolar walls. The reduction of the volume
fraction of any one of the three ECM components resulted in a decrease of the tissue’s
stiffness. However, this reduction was only observed in the higher strain due to the
consideration of the ECM components independent of each other. After embedding an
airway inside the network, the pattern of stress distribution was altered following a 35%
biaxial strain. An increase in the stress on the elements attaching the network to the airway
wall was observed. Following an increase in airway wall stiffness from 20 N/cm2
(considered normal) to 100 N/cm2 led to a 37% reduction in the airway lumen area at a
35% biaxial strain. When the number of airways in the simulated lung tissue strip
increased from one to nine airways, the required stress at 35% biaxial strain increased.
Furthermore, increasing the airway stiffness led to increased stresses being exerted on the
adjacent alveolar network, which is hypothesised to increase the likelihood of breakage in
the alveolar wall. Subsequently, the tissue destruction in emphysema was simulated by
diminishing the alveolar wall elements with the highest stress at 35% strain.
This two-dimensional network model enabled us to investigate how alterations in the
ECM’s composition and structural properties affected the tissue’s mechanical response.
There are several limitations to the model developed in this thesis, and resolving them
would improve its accuracy. One of the most important limitations is that the ECM
components were modelled independently, meaning that reducing the effect one of them
would not affect the mechanical properties of the others. Using a cross-diagonal format
was problematic when simulating the progression of emphysema. This model can be
upgraded to a three-dimensional network that could be scaled up to link ECM composition
to regional and whole organ lung function.
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This chapter declares the problem and overviews the thesis structure.

Introduction

1

Chapter 1

The lungs are a dynamic organ that serve as a gas exchanger, transferring oxygen from the
atmosphere to the bloodstream. Air enters the body from the nose or mouth and passes into
the trachea, which branches into two smaller airways called primary bronchi, which are
the first level of the airway tree. Air passes through the airway trees and reaches the alveoli,
where gas is exchanged between the alveoli and the small capillaries. A schematic of the
lungs is shown in Figure 1-1. The gas exchange process occurs via inhalation and
exhalation. During inhalation, the stress exerted by the chest muscles and the diaphragm
expands the lung and fills it with air. During exhalation, the muscle relaxes, and the lung
expels the air. The stress of the expansion and contraction of the lungs is transmitted
through the alveolar wall network via the extracellular matrix (ECM), which initiates a
change in the volume and shape of the alveoli. The stress on each alveolar wall differs
based on the alveolar shape and the mechanical properties of the alveolar wall. Moreover,
the presence of the airways within the alveolar network influences the stress distribution.
The airways dilate during exhalation and impact the amount of stress on the adjacent
alveolar walls.

Figure 1-1 Schematic of the multiscale structure of the lungs, the two lungs are different in shape.
The left lung consists of three lobes, and the right lung consists of two lobes with a different shape.
The alveolar duct is the conduit that opens into a collection of alveoli and consists of several small
alveoli. This figure is drawn by the author.

Lungs are exposed to environmental agents, and the inhalation of foreign particles makes
the lungs vulnerable to injury and infection. Respiratory disease is a leading cause of death
2
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and disability in the world. According to the World Health Organisation’s report [1],
approximately 1 billion people suffer from respiratory disease, and each year 4 million
people die from chronic respiratory disease. Furthermore, about 65 million people are
diagnosed with chronic obstructive pulmonary disease (COPD), and 3 million die from it
each year. In New Zealand, respiratory disease is the third leading cause of death and costs
more than $7 billion annually, over 700,000 New Zealanders suffer from a respiratory
condition, and the number is increasing [2].
Most respiratory diseases are associated with a defect in the ECM components and
consequently with alteration of the mechanical properties of lung tissue [3]. These
alterations may lead to further and more rapid progression of respiratory diseases [4]. An
example of this is emphysema, a respiratory disease that is hallmarked first by degradation
of the elastin and subsequently by weakening of the alveolar walls, which increases the
likelihood of breakage of those walls. Development of emphysema is not fully understood
and it has been suggested in the literature that biochemicals, such as matrix
metalloproteinases (MMPs), namely matrix metalloproteinase-2, -7, -9 and -12, lead to the
degradation of elastin in the extracellular matrix [5-7]. The weakened alveolar walls are
further damaged by the mechanical stress produced by breathing. This leads to an increase
in the stress of neighbouring alveoli that consequently enhances mechanotransduction,
releasing MMPs to degrade more fibres[8]. This, in turn, leads to an increase in the
likelihood of rupturing the alveolar walls. Conversely, fibrosis of the lung tissue, which is
hallmarked by deposition of collagen fibres in the ECM, stiffens regional areas within the
tissue. Fibrosis is also a progressive lung disease that leads to usual interstitial pneumonia.
Although the pathology of fibrosis and emphysema requires more studies, the role of the
mechanical properties of lung tissue in the progression of these diseases is evident. Thus,
it is important to further investigate the impact of changes to ECM composition on the
mechanical properties of lung tissue.

Lung tissue requires a framework to provide the mechanical scaffolding and to facilitate
the biochemical activities for cellular constituents. The ECM represents this framework
and is made of water and a variety of proteins. The protein fibres in the ECM are assembled
in different organisations, structures, and compositions that provide the tissue with a
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unique mechanical property depending on the multicellular organism. Among the ECM
proteins, elastin, collagen, and proteoglycans (PGs) play an essential role in the mechanical
properties of the ECM. Elastic fibres are composed of elastin and fibrillin, where fibrillin
microfibrils serve as a scaffold for deposition, alignment, and crosslinking of elastin [9].
Elastic fibres provide elastic recoil and withstand the repeated stretching and deformation
of the tissue. Additionally, collagen fibres are generated by fusing several fibrils and
providing the tissue with high tensile strength. PGs are hydrated proteins that are crosslinked with collagen fibres and withstand the compressive forces. Altogether, these three
vital constituents of the ECM are connected by physical and chemical cross-linking, which
results in unique mechanical properties for different tissues and organs. However, the
tangled interplay between the ECM fibres, along with the intricate structure of the
individual fibres, takes on the hurdles of assessing a complete understanding of ECM’s
role in the mechanical properties of the tissue.
The mechanical properties of ECM have been widely investigated in different types of
tissues [10, 11]. In these studies, the effect of altering major fibres on the mechanical
properties of the entire tissue was studied. For example, it was shown that both elastase
and collagenase (reducing elastin and collagen respectively) decreased Young’s modulus
in lung tissue, with a higher impact of collagenase recorded on the tissue strip [11]. A
conventional method to investigate the role of each protein in the mechanical properties of
the tissue is to remove individual ECM components via selective digestion of that
component. However, due to the complex structure of the ECM, selective digestion may
not remove the effect of the individual proteins as expected due to the high level of
interconnections between the fibers. Therefore, this process of selective digestion may
impact on the other components in the ECM.

Experimental studies have provided a rich knowledge to address the relationship between
the molecular level changes and the tissue level. Some of these studies are mentioned in
the previous section. However, the matter is still not entirely understood and requires more
advanced equipment (e.g. high-resolution microscopes). The limitations in the current
experimental studies are discussed in detail in Chapter 3. Along with the progress in
experimental studies, many theoretical models have been established. This research can be
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broadly categorised in two main types of models: continuum modelling and network
modelling. Elasticity of the lung tissue has typically been investigated using continuum
models [12-17], and the network modelling approach has been used to address the
mechanistic link between functional properties, particular looking at the smaller scale
protein functions [4, 18]. These studies are further reviewed in Chapter 2. In line with this
prior research, the present study aims to develop a computational model to further
investigate the impact of the ECM components on the mechanical properties of lung tissue.
In the modelling approach, a two-dimensional hexagonal network was constructed (see
Figure 1-2), wherein the elements of the network represent the alveolar walls.

Figure 1-2 Schematic of the network model. The lung tissue at micro-scale is made of several alveoli
which arranged into the hexagonal network. This hexagonal network in two-dimension is modelled
and an airway mimicked by a hole inside the network.

The body of this thesis is comprised of a review of the current modelling approach to the
mechanical properties of lung tissue followed by an experimental chapter (Chapter 3) of
lung mechanical measurement. Chapter 4 presents a computational model for lung tissue
that has been published [19]. The application of the developed model is presented in

5

Chapter 1

Chapter 5 where the mechanical interdependence of the airway-parenchyma was
investigated. This chapter has been submitted for publication and is currently under
review[20]. The paper-based chapters will be followed by a conclusion (Chapter 6) that
provides a brief summary of the research findings. An outline of the chapters is provided
here.
Chapter 2: Computational modelling across the scales of biology
This chapter provides background information for this thesis, including details of different
methods previously used for modelling lung mechanical properties. The mathematical
modelling is categorised at three levels—tissue level, cell level, and extracellular level.
The modelling and application of the models using the network and continuum modelling
approaches with examples of those models are discussed. This chapter is adapted from the
published review article [21].
Chapter 3: Experimental measurements of lung extracellular matrix structure and
mechanics
This chapter examines the effectiveness of the two different selective digestion techniques
applied to remove collagen, elastin and proteoglycans (PGs). The mechanical properties
of the remaining tissue are measured in terms of both Young’s modulus and the viscosity
of the tissue. The effectiveness and selectiveness of the digestion protocol techniques are
evaluated using histology and a scanning electronic microscope, revealing that digestion
was not achieved by the digestion techniques applied. The potential reasons for this are
discussed.
Chapter 4: Developing a viscoelastic network model for lung tissue ECM
This chapter illustrates a viscoelastic network model that mechanically links the ECM to
the tissue level. The alveolar wall’s mechanical properties are modelled using a system of
springs and dashpots. The effects of collagen are modelled with an exponential spring in
parallel with a linear spring representing the elastin fibres. The parameters of the model
are tuned based on the information garnered from the alveolar stress-strain curve.
Furthermore, the configuration of the hexagonal network representing the alveolar network
is stabilised via cross-diagonal elements. The results of the model after decreasing the
fibres’ effects are investigated.
6
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Chapter 5: The interplay between an airway and alveolar network
This chapter investigates the impact of stiffening the airway on the unit function of the
lung. The network model in chapter 4 was modified to include a small airway. The airway
wall stiffness is increased and the resultant stress distribution within neighbouring
elements of the network were examined. The material heterogeneity and geometrical
heterogeneity within the network was altered and the resultant stress distribution is
discussed. The model further shows the progress of emphysema in the presence of the
stiffened airway.
Chapter 6: Conclusion and future works
In this chapter, the main results of the study are summarised. Areas for the future
improvement of the model are demonstrated.
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Computational modelling across the
scales of biology

2

This chapter reviews the current modelling across the scales: ECM scale, tissue scale and whole
organ

Lung tissue modelling once
at a piece

This chapter is based on the following publication
Burrowes, K. S., Iravani, A., & Kang, W. (2019). Integrated lung tissue mechanics one
piece at a time: computational modelling across the scales of biology. Clinical
Biomechanics, 66, 20-31.

Computational modelling across the scales of biology

Chapter preface
Each tissue in the human body requires specific mechanical properties depending on the
function of the organ. Tissue mechanical properties arise from their connective tissues,
which vary from one organ to another in terms of their composition and organisation of
the extracellular matrix proteins. Some tissues, such as ligaments connecting the muscle
to the bones, are stiffer than lung tissues which are required to have a flexible structure to
facilitate breathing. Changes resulting from disease, injury, and age will alter the
mechanical properties of tissues, which reduce the function of the organs. These changes
in mechanical properties are more critical for vital organs such as the lungs, where the
lungs’ full functioning is essential for life. Understanding how tissue mechanical properties
alter would help us to understand the pathology of the diseases and, in a broader context,
enable us to find a treatment for such conditions. Modelling at the microstructure level to
enable understanding across the scales has helped us understand the link between the
lung’s structure and function. In this chapter, the most recent modelling studies for
respiratory mechanics were reviewed, focusing on the extracellular matrix (ECM) level.

The lung is a delicate organ with specific tissue mechanical properties that allow it to
expand and contract with each breath. However, this mechanical movement is not as it
seems. The underlying structure of the airways and vasculature within the lung
orchestrates an intimate pairing between blood and air across a surface area of tissue that
would cover around 20 king-size beds. The conduit systems are embedded within, and
function because of the three-dimensional architecture of connective tissue surrounding
them. Like other organs and tissues within the body, the lungs consist of various cell types
scaffolded by a precisely balanced and dynamic extracellular matrix (ECM). The ECM
provides stability and support to the cells and is constantly replaced to maintain a
homeostatic environment [22, 23]. Diseases, injuries and age alter the composition of the
ECM and the structure of lung tissue, which results in changes to the mechanical properties
of the lung tissue. These changes will subsequently reduce lung function. Lung function
9
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can be simply measured by the relationship between the pressure and volume (P-V) of the
lung. However, it is still not clear how changes at the extracellular level impact lung
function.
Respiratory mechanics are studied to investigate the relationship between the pressure and
volume of the lungs during inhalation and exhalation, which is used as a benchmark for
the lungs’ function. The pressure-volume (P-V) curve was first plotted by Hutchinson [24],
and 60 years later, a linear relation between pressure and volume was suggested by Cloetta
[25]. This relation was established and the nonlinear behaviour was shown in different
studies by Liebermeister [26] and Radford [27]. Improvements in measuring respiratory
mechanics up until 1960 was reflected in a review by Mead [28]. In this review, Mead
summarised many theories and ideas that provide the foundation for numerous recent
models. However, these models lack details of the structure of lung tissue. Over the last 20
years, more advanced instruments (e.g., higher resolution CT images) were developed
which has helped scientists unveil many unknowns regarding the structure of lung tissue,
which in turn helped us achieve a deeper understanding of the relationship between the
structure and function of the lungs. In 2013, a review by Suki et al. [29] explained the
behaviour of the P-V curve in relation to the behaviour of ECM fibres. Further, they
illustrated the differences in P-V curves for normal lungs and emphysematous lungs.
In recent years, many studies have attempted to understand lung mechanical properties at
a microscale; however, the Suki group [30-33] and the Bates group [16, 34-36] provide the
most influential studies. Still, other research has explored respiratory mechanics [12, 37,
38]. These studies include modelling studies and experimental research, and they attempt
to link ECM behaviour to lung function as a whole. Nevertheless, the structure of the lung
at the ECM level is difficult to measure, and thus much remains unknown; for example,
the interaction between the protein in the ECM is still not fully understood. The
experimental studies in most of the research were carried out to validate the models;
therefore, this review centred only on the modelling studies. This chapter reviews recent
modelling studies and discusses the application of these models at different levels with
more focus on the ECM level.

10
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As explained, lung parenchyma has a complex multiscale structure from cells that actively
interact with ECM proteins to the tissues, which are the main building blocks of the airways
and alveolar network. The ECM provides the tissue’s mechanical framework, and cells
regulate the biological function within the ECM and protect the tissues from pathogens.
The alveolar network and airway trees are the lung parenchyma’s main compartments,
facilitating gas exchange during breathing. This interconnected multiscale network is
illustrated in Figure 2-1. Diseases primarily target the cells and ECM proteins, which
results in an alteration in the tissue’s mechanical properties; subsequently, abnormal tissue
results in reduced lung function. Experimental studies have unfolded how the tissues
behave upon a change at the cellular level. However, these changes are difficult to follow
across the different scales experimentally, if not impossible. In addition, we have limited
understanding of the pathway of diseases; for example, in COPD patients, it is not known
whether the airway remodelling precedes the destruction of alveolar walls or the
emphysematous tissues contribute to airway narrowing and obstruction of the airways [39].
Robust models that link the scales of biology can increase our understanding of the
disease’s pathology.

Figure 2-1. The lung is a multiscale structure from cells and ECM level to tissue level and to the
whole organ level. Cells and ECM actively interact with each other and provide the tissues with a
mechanical framework and biological support. Change in the mechanical properties of tissues
impact the cells and ECM via mechanotransduction. At the same time, tissue mechanical properties
are affected by the lung compartments, such as the alveolar network and airway trees.
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Based on the multiscale nature of the lung, many model concepts were developed to find
the unknowns in structure and function of the lung organ depending on their biological
scales. These models span from the ECM molecules to tissue level and to the whole organ
level. In this chapter, these models were categorised into three levels: the lung organ level,
tissue level, and the ECM level. Figure 2-2 illustrates some of the applications of the
models across the biology scales. Molecular dynamics models were established to predict
the movements of the molecules and their configuration in ECM. Moreover, molecular
dynamics models are able to explore the interaction of pulmonary surfactant with
nanoparticles [40]. In this chapter, molecular dynamics was reviewed as a type of
modelling at the ECM level. The ECM level models were focused on the interaction
between the ECM fibres; for example, the contribution of the elastin and collagen on the
mechanical properties of tissues. Tissue level models were developed to simulate the
geometry of the lung and determine the mechanical properties of tissue (i.e., the interplay
between an airway and the surrounding parenchyma). Finally, a whole organ level model
can predict the function of the lungs using the information from the mechanical properties
and structures of tissues.

Figure 2-2. The models across the levels from molecular dynamics models that analyse the movement
of molecules to the whole organ, which predict the function of the lungs. Tissue level and cellular
level models were developed to understand the tissue mechanical properties and the contribution of
the ECM fibres in tissue mechanical properties. Some of the applications of the models are
mentioned in the figure.
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2.3.1 Organ level
The mechanics of the lung organ depends on the forces applied to the lung tissues. Some
of the forces are summarised and illustrated in Figure 2-3 from [41]. The whole organ
models are able to predict the (dys)function of the lung (P-V curve). These models,
however, require precise information of material constitution of the tissue. This is a
difficult unit of measure in terms of lung mechanics, but it is possible to collect this
information in relation to interrelated functions such as airflow, blood flow (e.g., mean
pulmonary arterial pressure), gas exchange (e.g., blood gases), and combined mechanics
and flow measures such as FEV1 (forced expiratory volume in 1 s) and impedance. These
types of organ level measurements are comparable to clinical measurements and changes
from the norm, indicating lung dysfunction and disease. There have been single
compartment type models of the lung, which represent the lungs as a single ‘box’ and are
used to predict lung impedance that provides a combined measure of lung mechanics
and airway flows. For a comprehensive review of this, please see [42]. The regional
measurements of lung function are more informative than those based solely on organ level
mechanics such as stresses, strains, and pressures.
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Figure 2-3 Modelling of lung at the whole organ level, using the mechanical properties of lung tissues
and the forces to predict the function of the lung. Some of the forces are summarised in the figure
from [41].

Tawhai et al. has produced many realistic subject-based models of lung function including
a model that predicts lung mechanics [43]. This model uses a finite element approach,
applying finite deformation elasticity and represents the lung tissue as a compressible
nonlinearly elastic continuum with homogeneous and isotropic material properties. To
date, this model has been used to assess density and pleural pressure gradients, and the
impact of posture on these, in healthy subject-based models. Results were validated against
tissue density measurements from CT.
Berger et al. developed a poroelastic model of the lung [37]. This type of model represents
the lung as a porous medium and describes the interaction between airflow and tissue
deformation. This method is particularly useful for linking together the mechanical
properties of the tissue with resultant fluid flows and vice versa. A similar approach was
presented by Yoshihara et al. [44] for a simplified 3D geometry that modelled the lung as
three generations of airways extending to a homogenous parenchyma continuum
consisting of five lobes. Coupling between tissue mechanics and ventilation was ensured
via conservation of the amount of airflow in the airway and corresponding lobar volume
14
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change, and was able to predict realistic tissue deformation with flow at the lobar level. Of
particular interest is that although higher generation airways are treated as homogenous
tissue in this model, it can be combined with the multiscale lung model at the tissue level
[15] to specifically examine microscale alveolar level information as well [45]. However,
such coupled 3D models are complex and computationally expensive.
More recently, considerable effort has been invested to capture the same phenomenon with
reduced dimension models. Ismail et al. [46] developed a 0D multiscale model of
respiratory mechanics using a tree resistance model [47] within an anatomically based
airway tree grown with a volume-filling algorithm [48], and coupled to 0D Maxwell
elements representing the viscoelastic properties of the acini. The 0D model was able to
reproduce pressure and flow results of the 3D-0D coupled models. Roth et al. [49] extended
this work to account for interaction between neighbouring acini due to pressure and force
transmission in the parenchymal tissue with the addition of 0D inter-acinar linker elements.
In addition to organ level function, this model was able to capture lower scale alveolar
volume competition phenomena, heterogenous distention in the lung and predicted local
stress/strain and flow. More importantly, it has shown that local overdistention may occur
even if global lung indices are normal, which has significant implication in the prevention
of acute lung injury in mechanical ventilation. The clinical application of this 0D
framework was tested in a patient specific model of acute respiratory distress
syndrome [50]. Calibrated to patient’s CT images, the model predicted local stresses and
the resultant ventilation was validated against patient electrical impedance tomography.
This methodology demonstrated potential to aid ventilator management strategies as well
as other possible lung pathologies.
2.3.2 Tissue level
Tissue mechanical properties vary from one organ to another organ, and also they differ
from one person to another. Even in one organ, the tissue is heterogeneous, making a
variation in its mechanical properties. In the lungs, one reason for the heterogeneity is the
airways' presence with different mechanical properties than the surrounding tissue. This
can cause a variation in measuring the mechanical properties of different sections of one
lobe of the lung. This matter will be further discussed in Chapter 5. To overcome these
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differences, tissue level models typically lump together the ECM and cellular components,
plus any airways or vessels that may be embedded within that tissue.
There have been many experimental studies measuring the mechanical properties of lung
tissue, the most common being measurement of the force-length relationship in tissue strips
[31]. While tissue strip experiments, and in particular uniaxial stretching, are not
representative of the tissues in vivo physiological state, these types of experiments have
successfully increased our understanding of lung tissue mechanical properties [51]. While
it is the bulk/continuum properties that are being measured, different portions of the stress–
strain relationship, which show an exponential-like stiffening, suggest mechanical
properties of the ECM-cell system, refer to previous reviews by Suki for more information
on this topic [31, 52]. Computational modelling alongside these types of experiments has
further increased the knowledge gained from experimental measurements. The two
primary types of models at the tissue level represent the parenchymal tissue either as a
discrete network of springs (each spring representing an alveolar wall) or as an elastic
continuum. Spring network models have been used to model aspects of parenchymal
(dys)function, such as the progression of emphysema and pulmonary fibrosis, and
continuum theory has become widely accepted as applicable to airway-parenchymal
interdependence [16].
Each method has its advantages – spring models enable more detailed analysis at the
microstructural level (tissue and below) and continuum models are well suited to scaling
up to whole lung function. Comparisons of the network spring type models and continuum
models

in

relation

to

mechanical

interactions

between

adjacent

airways

during bronchoconstriction have highlighted important differences between these models
[13, 16, 17, 53, 54]. Parenchymal distortion around an airway was found to be significantly
greater when the tissue was represented as a hexagonal network of springs compared to
when represented as a continuum [16]. Comparison with experiments demonstrated closer
comparison with the continuum approach, however it was suggested that this could be
an artifact from the experimental preparation and the exact behavior in vivo cannot be
known for certain [55]. Here some applications of these two types of models are discussed.
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Spring network models:
Spring models were first introduced, to represent lung tissue, by Mead et al. [56] who
developed a physical hexagonal model and a plane network of interconnected springs to
study the mechanical interdependence between airways and parenchyma. Several more
recent studies have also applied network models to investigate the micromechanics of lung
tissue [4, 30, 33]. In these types of models, the lung parenchyma is modelled as a twodimensional network of linearly elastic springs, inter-connected by pin joints, and arranged
in a hexagonal array. Some heterogeneity in spring constants is imposed and the network
is configured such that the elastic energy of the spring system is minimised.
These types of network models have been used to investigate tissue changes occurring
during fibrosis and emphysema. Although contribution of tissue mechanics to the
early pathogenesis of emphysema and fibrosis is not entirely clear and likely involves
complex interaction between inflammation, genetics and mechanics, the contribution of
mechanical forces on fibrosis and emphysema proliferation is well known [57, 58]. A
number of mathematical models have attempted to elucidate the role of mechanical stress
on parenchymal disease progression, mostly focusing on tissue level properties. Bates and
Suki [4, 59] first used a 2D rectangular network of linearly elastic springs organised in a
hexagonal array to model lung tissue properties during emphysema progression. Initial
rupture of elastin in the interstitial alveolar wall in emphysema was represented as
randomly cut springs that disrupted the prestressed network equilibrium. The pattern in
emphysema progression was based on the redistributed stress pattern, where springs under
the highest stress were cut, predicting bulk mechanical properties that were consistent with
the literature. These results provided support for the hypothesis that, with an initial insult
that weakens the alveolar wall, mechanical stress can progressively rupture and further
weaken the wall structure leading to a positive feedback of progressive emphysema
development. In addition, these spring network models have been used to explore changes
in the micromechanical environment after lung volume reduction surgery and
bronchoscopic lung volume reduction [33]. This simulation study investigated the
immediate and long-term response to these interventions allowing comparison of
macroscopic changes in function to microscopic changes in tissue structure and mechanical
properties.
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The same network model has also been applied to pulmonary fibrosis by Oliveria el al [18].
Springs with increased stiffness were included to represent increase in collagen deposition
in early fibrotic lesions. Fibrotic proliferation was represented using a combination of both
random and spatially correlated deposition of collagen (in areas of high stress). Through
the modelling of emphysema and fibrosis, Bates and Suki [4] introduced the concept of
percolation as an emergent property of lung tissue, and provided a mechanistic link of
disease progression via the relationship between microscopic changes and macroscopic
mechanical and functional properties. However, we must consider that the models used to
represent the lung parenchyma are highly simplified, representing the lung as an arbitrarily
shaped 2D network with purely elastic properties.
In two final examples of these network type models, Carloni et al. [60] applied a model to
investigate the progression of fibrotic lesions in idiopathic pulmonary fibrosis (IPF). The
simulated stress distribution concentrated in peripheral areas experiencing more stretch,
and provided support for the mechanistic contribution to the localisation of pulmonary
fibrotic lesions that occur in posterior bases of the lung. Parameswaran et al. [61] extended
the 2D network model into 3D, with tissue represented as a cube or polyhedron, and
applied the model to investigate changes in tissue mechanics with emphysema. This
modelling study demonstrated the importance of the pattern of tissue destruction, as well
as the tissue destruction itself, in altering lung compliance. While, by definition, these
models are simplified representations of reality they have provided vast insights into the
link between mechanical forces, tissue alteration and resultant changes in tissue
mechanical properties.
A slightly different approach was applied by Denny and Schroter [38] who proposed a
more realistic model for the geometry of an alveolar duct, modelling at a scale of about
1 mm. Their model consisted of an assemblage of 36 truncated octahedra (14 hedron)
where the middle section of the network was removed to represent the channel for airflow.
They studied the effect of different distributions of elastin and collagen by varying the
cross-sectional area of the fiber bundles at the mouth, septal border and wall in the alveolar
duct. They also included the surface tension within the septa. Their model illustrated the
important role of surface tension in lung recoil pressure with decreasing alveolar size or
decreasing volume density of connective tissue fibers.
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Continuum-based models:
Continuum-based tissue models have typically investigated the stress–strain behavior of
lung tissue by applying different material laws to represent the behavior of the tissue [1217]. These types of models have largely focused on either investigating the propagation of
mechanical forces through parenchyma during bronchoconstriction or have aimed to
describe tissue level mechanics for the purpose of scaling up to organ level simulations.
Hiorns et al. developed a multiscale model of lung tissue in combination with mechanical
measurements using precision cut lung slices (PCLS) [14, 62]. Of interest here is the
multiscale nature of the model [63]. Using a continuum approach, this model included
fibers representing airway smooth muscle (ASM) cells and collagen was embedded in a
spiral arrangement. Through these fibers, strain stiffening is included due to both lung
inflation (mimicking collagen recruitment) and contraction of ASM cells. The ASM
contracts as a function of the concentration of inhaled agonist, providing a link from the
environment down to the sub-cellular mechanism of actin-myosin binding. This type of
model has and will provide a useful tool to study airway hyper-responsiveness and asthma,
particularly when scaled up to function in the whole lung.
Rausch et al. [15] developed a novel constitutive model of lung tissue using a combined
experimental-computational approach. They used measurements from live PCLS from rat
lungs to develop and parameterise their non-linear material law. Their material law
included contributions thought to be indicative of the elastin-PG contribution and of
the collagen fibre contribution to mechanics. Bel-Brunon et al. [12] extended this work by
incorporating viscoelastic parameters. This tissue level model has been scaled up to organ
level simulations providing a dynamic multiscale model with interactions both ways –
from macro to micro scale and vice versa. In addition, the impact of surfactant was
incorporated in their model [45]. This modelling framework was developed specifically to
investigate stresses and strains relevant to ventilator associated lung injury but should be
applicable to other pathophysiological studies in the future. An even more recent
development in the modelling work of this group was presented by Roth et al. [64]. The
main extension in this work was to develop geometric structures of alveoli derived from
imaging (using synchrotron-based X-ray tomographic microscopy from a previous study
in the same group), creating structures more representative of in vivo lung tissue. The finite
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element approach was used to predict stress–strain behavior in a simplified parameterised
version of this realistic microstructure. This model was able to predict stress–strain features
comparable to imaging-based measurements in rat alveolar tissue 10 times faster. The
future aim is to apply this model to derive stress-based safety limits for application in
mechanical ventilation protocols.
2.3.3 Proteins – the extracellular matrix
The extracellular matrix (ECM) is a complex meshwork of extracellular molecules,
secreted by cells, within all tissues and organs. The ECM not only provides essential
physical scaffolding for the cells but also regulates cell behavior, via biochemical and
biomechanical cues, by influencing cell proliferation, survival, shape, migration and
differentiation [22, 65]. Once viewed as an inert structure, recent research has
demonstrated the vital biological role of the ECM. The important role of
ECM homeostasis, or lack thereof, has been linked to many diseases and has relatively
recently become a targeted area for pharmacological development [22, 66, 67]. The general
constituents of the ECM are ubiquitous throughout the body, however organ-specific tissue
has a unique composition and topology of ECM depending on the required function of the
tissue. ECM is composed of a variety of proteins and other macromolecules, including
fibrous structural proteins (e.g. collagens, elastin, fibronectin and laminin) and non-fibrous
proteins (e.g. growth factors and small integrin-binding glycoproteins, and proteoglycans).
Variation in the composition of ECM components alters the mechanical and failure
properties of tissue [68].
The ECM composition in the lung has been fairly well described [69-71], however there
is still much to learn about this dynamic framework. Our discussions here will focus on
the major components of ECM which are collagens, elastin and proteoglycans (PGs); in
particular computational models that have been developed to investigate the role of these
ECM proteins. Biomechanical properties of the lung tissue are directly related to the
fibrillary ECM proteins. Nearly 30 different types of collagen have been identified in
humans [67]; in the normal human adult lung types I and III collagen (represented in a
ratio of 2:1) compose around 90% of all collagen [71]. The primary role of types I and III
collagen is to provide tensile strength to the tissue. Collagen IV forms the main component
of the basement membrane in the lung and trachea. It is responsible for forming the
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network of cells that lies beneath the epithelial and endothelial cells. This collagen is also
crucial to the formation of cell-cell communication within cells and between cells in
tissues[72]. However collagens perform many other functions [73]. Elastin is considered
important for the required distensibility and recoil properties of lung tissue and can
withstand up to 200% strain [74], however Yuan et al. showed that both collagen and
elastin may have some contribution to tissue elasticity, even at low lung volume [11]. PGs
are complex macromolecules consisting of highly hydrophilic glycosaminoglycan (GAG)
sidechains on a protein core. PGs play a role in lung compliance as well as fluid balance
[71] and are thought to be a key contributor to the viscoelastic properties of lung tissue
[75, 76]. There are over 30 different types of PGs [67] with many of them being implicated
in lung disorders [76].
Modelling studies at the protein level have typically focused either on the configuration of
proteins based on molecular dynamic simulations, or understanding of the role of proteins
in ECM mechanics. High computational costs associated with large-scale molecular
dynamics simulations are a major restriction, often limiting its application beyond the
nanoscale. Network models are higher-level models developed to study the role of different
macromolecules in the mechanics of tissue. Spring-based network models (described
below) are developed to bridge the molecular dynamics simulations at the nanoscale and
the tissue scale behaviour at the macroscale (see Figure 2-4).
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Figure 2-4 Illustration of model simplification across scales spanning from protein to tissue. Left
panel indicates in-vitro stress–strain test on porcine lung tissue strip. Top mid panel indicates a
simple arrangement of alveoli typical of 2D hexagonal network models. Right panel displays
the extracellular matrix consisting of three major components:
collagen, elastin and proteoglycans which are often represented as springs in network type models.

Molecular dynamics type modelling:
While some information regarding structure and mechanical properties of ECM
components is known, it is more difficult to determine the interaction between structure
and function, this is the primary advantage of the use of computational models. Some
modelling studies have focused on using molecular dynamics approaches to predict the
structure of individual protein fibers. A study by Israelowitz et al. [77] investigated the
structure of the ECM in connective tissues by modelling collagen type I fibers, including
the three-dimensional (3D) structure and physical chemistry, from molecule to molecular
interactions and resultant tissue structure. Their model constructed the triple
helix backbone of the collagen I molecule from the amino acid sequence. The 3D structure
was determined by minimising the energy configuration between molecules meaning that
their model can be applied to determine tissue structure based on molecular configuration.
While this was an elegant study and provided new insights into the structure of individual
collagen type I fibrils, and the interaction between fibers, the structure of the molecule was
somewhat simplified. In addition, the influence of mechanical forces on the formation of
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the fibers, vital in lung ECM structure, was not incorporated. Stress vectors in the ECM
impact on the directional orientation of fibers and would be an important factor to include
in future modelling studies in this area. In a similar study, although not related to lung
tissue, Redaeilli et al. [78] developed an atomic model to investigate the mechanical role
of GAGs in collagen fibers in tendons. They calculated the stiffness of GAGs from energy
data obtained by stretching the molecular structure. They used the attained stiffness to
determine the stress–strain behavior of collagen fibers. However, their findings contradict
a more recent study by Szcesny et al. [79] who hypothesised that collagen fibrils may
interact directly without the help of extrafibrillar molecules. Clearly more work is required
in this area to understand the interactions occurring between ECM components.
Network type models:
Network models have been commonly applied to simulate components within the ECM as
well as to represent larger units of tissue. Lee et al. [80] developed a three-dimensional offlattice elastic fiber network model (beads and springs) to investigate the interaction
between cells and collagen networks. They considered random fiber networks with
covalent and non-covalent interaction between the collagen fibers. To validate the model
and tune the parameters representing fiber cross-linking, experimental shear test data was
obtained. The calibrated model was used to calculate the Young's modulus and Poisson's
ratio. Their model suggested that mechanical properties are more sensitive to the network
structure compared to other parameters, such as collagen density. Ritter et al. [81]
developed a network type model to investigate the relative roles of elastin and PGs in
mechanical and failure properties. They called their model the zipper network model
(ZNM) due to the structural arrangement of the elastin in a zipper-like formation
surrounded by a network of springs representing PGs. They hypothesised that PGs
contribute substantially to tissue failure and tested this using both a computational model
and experimental measurements using an engineered ECM construct. One of the key
outcomes of their study showed that elastin carries the load and determines the peak stress
of the elastin-PG construct whereas PGs reduce the failure strain of the network.
Cavalcante et al. [30] presented a combined experimental-modelling study also
highlighting the important role of PGs in tissue mechanics. They modelled a twodimensional hexagonal network of nonlinearly elastic springs with fixed nodes at top and
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bottom of the network. Heterogeneity was included by randomly displacing the nodes and
twisting the hexagons and the final configuration of the network was calculated. The
strain–stress curve of the model was obtained by stretching the network and calculating
the stress at each step using the difference between the total energy. The model parameters
were tuned based on experimental data from strain–stress curves of rat lung tissue strips.
Imaging and mechanical measurements were performed on tissue strips in hypotonic,
normal and hypertonic solution to investigate the role of PGs. Results showed significant
sensitivity of the stress–strain curve to osmolarity (which influences the swelling pressure
of the PGs). However, after PG digestion, this sensitivity decreased which suggested the
important role of PGs in stability of the fiber network of the lung.
With any type of model and ex-vivo experiments, simplifications, assumptions
and disparities from in vivo are undoubtedly present. Tissue strip experiments not only
require extrication of the lungs from their natural negative pressure environment, but the
tissue is also sliced into thin strips taking it even further from it's in vivo reality by
damaging the 3D architecture. Aside from this, one of the primary limitations of tissue
strip experiments is the application of uniaxial tension. In vivo, lung tissue will experience
forces in three dimensions, while forces are typically applied in one-dimension in these
types of experiments. Therefore, absolute values of measurements are not likely to be
entirely representative of in vivo tissue. In the same vein, network type models are
simplifications of reality, which is the very definition of a model. Network models simplify
the structure of lung tissue by assuming a uniform arrangement of hexagonal (in 2D) or
tetrakaidecahedral (in 3D) cells as alveoli. All cells are (at least initially) considered the
same size. Depending on the type of model, the spring representing an alveolar wall is
either assumed to behave as whole lung tissue (by applying a constitutive equation) or as
collagen-elastin fibers (using a non-linear spring equation). These assumptions limit their
applicability. However, while network models and the experimental preparations used to
parameterise and validate them do not exactly mimic the lung behavior in vivo they have
been crucial for unravelling and proposing important mechanisms occurring at this microscale. Experimental assessment of such mechanisms is often difficult if not impossible,
therefore models are an essential tool.
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Although models to date have provided useful insights into lung function, there is still
much to be done. In this chapter, some modelling studies related to lung mechanics have
been presented. Some models have linked across more than one of the biological scales;
however, there is no current model of lung mechanics that links right from the level of
proteins to the whole organ function. This is because it is an extraordinarily difficult task.
There are several approaches that could be applied to integrate models across the scales.
One option is to construct a single integrated model that represents all the scales (across
nine orders of magnitude in space and 15 in time [82]) – from molecule to organism. See,
for example Lauzon et al. [83] and Zemzemi et al. [84] discussed earlier. However, this
approach poses an extremely complex and demanding challenge related to the
mathematical and computational requirements. Moreover, this approach would be possible
after making significant simplifications to each of the models at each scale. An alternative,
and perhaps a more realistic approach in the shorter term, is to construct independent
multiscale models that span smaller length and time scales.
All models have assumptions that product lower computational cost by reducing the
parameters of the models. A vital step in developing a multiscale model is to reduce the
parameters while keeping the acceptable accuracy. This requires a vast knowledge of the
biomechanics and biology of the tissues to select the parameters that have the highest
impact and to eliminate the parameters with lower impact. In addition, experimental
measurements are necessary to find the impact of the parameters. For example, one of the
challenges in the modelling at the ECM level is the interplay of elastin and collagen, which
is understood in a very limited way. Elastin dominates the mechanical response of highly
extensible tissues like artery and ligament, which consist of up to 70% elastin. Elastase
degradation decreases stiffness and peak stress and increases energy dissipation in these
tissues. These changes are different in tissues with lower elastin content, such as skin and
tendon, which are composed of < 7% elastin. Collagen is the load-bearing component that
withstands tensile strength. Several network-type models have been developed to study the
mechanical interaction between these crucial components. It is commonly known that
collagen fibres must be stretched taut before they begin to resist additional load; so, the
material gradually stiffens as it is stretched. In this way, this behaviour creates a J-shaped
stress-strain curve, as shown in Figure 2-5. Brown et al. [85] discussed the mechanical
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interaction between elastin and collagen in ligamentum propatagiale from birds. They
proposed a model representing collagen-elastin-proteoglycan interaction consisting of
serial units of interconnected parallel elastin and collagen differing in the relative waviness
of collagen fibres within each unit. The stiffness of the entire system was conferred by the
additive stiffness of all serial units. Maksym and Bates [26] developed a mathematical
model similar to Brown’s approach that accounted for the nonlinear stress-strain curve of
lung tissue. Subsequently, they constructed a 2D finite-element mesh in which each
element represented parallel elastin and collagen fibres [27]. Moreover, the viscoelastic
properties of the tissue were modelled in numerous publications. Mijalovic et al. [86]
conceptualised the viscoelastic properties by the energy dissipation as slipping between
the fibres. Suki et al. [52] explain that viscoelastic behaviour of lung tissue can be modelled
in a way similar to the theories from polymer behaviour.
The above-mentioned conceptual models, when formalised, result in an equation with
many parameters which makes it difficult, if not impossible, to use at the tissue level scale.
One approach for making a simple model that can be used at the tissue scale is to simulate
the ECM with a parallel linear spring with a nonlinear spring. In this case, the nonlinear
spring represents the effect of collagen and the linear spring represents the effect of elastin
(see Figure 5). The viscoelastic effect of ECM can be simulated by a Maxwell element
(dashpot and spring in a series). This model can be used in different geometries of the
tissue and can also include the composition of the ECM components. The validation and
parameterisation of the model have been further discussed in Chapter 4.
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Figure 2-5 Schematic of stress-strain curve of lung ECM. Elastin is dominating the properties and
after stretching more, collagen dominates the properties. The interplay of elastin-collagen was
modelled by a parallel spring (representing elastin) with a string (representing collagen). The spring
is dominating the properties at the lowest strain until the collagen is stretched taut, which then
dominates the properties. This procedure can be mimicked by a combination of a linear spring
(representing the effect of elastin) and a nonlinear spring (representing the effect of collagen). The
dashpot was added to the model to simulate the viscoelastic effect.

Respiratory disease is prolific and research to improve diagnosis and treatment of these
diseases is paramount. Many lung diseases (for example, fibrosis and emphysema) are
consequences of alterations in the mechanical properties of the lung parenchyma. This
chapter has described a range of mathematical and computational modelling approaches
applied to explain the links between structure and function (across the scales of biology)
in the respiratory system. We have focused our discussion on models describing the
mechanical properties (stress/strain) of parenchymal tissue but it must be highlighted that
there are models being developed around the world on many different aspects of lung
function, see for example [43, 87, 88]. These types of modelling projects align with the
vision of the Physiome project which aims to develop multiscale mathematical and
computational models to predict function in the human body for the advancement of
clinical medicine. One aspect that this is contributing to is the move towards personalised
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medicine, involving treatment strategies tailored to an individual because “one size does
not fit all”.
Integrating models across the scales is no mean feat. Detailed models at individual scales
are required initially to isolate important parameters passing across the scales to enable
simplification of models. To move forward with Physiome-type initiatives, we need to
work as a community – using common standards and sharing re-usable models to enable
integration across models and the realistic application of them to solving biological and
medical problems.
Another hurdle to the acceptance of computational models into clinical practice is one of
validation. Models at each individual scale must be well validated, by comparison with
experimental data, and the entire model must also be proven to act according to what we
know about physiology (and pathophysiology) so far. Once these challenges can be
overcome computational modelling has the potential to contribute to a new era in
healthcare. The future of computational modelling is bright but there is a long way yet to
go.
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This chapter demonstrates the mechanical measurement and imaging results of lung
tissue.

Experimental measurements
of lung extracellular matrix

Chapter 3

Chapter preface:
This chapter investigated the impact of each ECM component on the mechanical properties
of lung tissue. Pig lung tissue was selected for the mechanical measurement, and image
analysis was performed on samples from rats’ lungs. A uniaxial stretch was conducted,
and the stress-strain curve was reported for the samples. Collagen-depleted samples
showed a reduction in Young's modulus by 82.4% compared to that of control samples.
Young's modulus of the elastin-depleted sample decreased by 39.2%, and the
proteoglycans depleted samples by 23.0%. The effectiveness of the digestion was
examined using histology and scanning electron microscope (SEM) imaging. The imaging
results explicated that successful digestion was not achieved, as traces of both elastin and
collagen were detected in the samples, and the structure of the sample was deformed upon
digestion.

Nearly all respiratory diseases are associated with a change in the composition of the
extracellular matrix (ECM) components [22, 89]. The mechanical properties of lung tissue
arise from the geometry and the structure of the ECM. Changes in the ECM composition
alters the mechanical properties of the tissue. The mechanical properties of lung tissue are
intrinsic to the ECM structure and geometrical features of lung tissue. ECM remodelling
as a result of respiratory diseases or ageing alters the mechanical properties of lung tissue.
Many experimental studies have been conducted to determine the specific role of ECM
components in the mechanical properties of lung tissue [11, 90]. A conventional method
to investigate the role of each component in the mechanical properties of tissue is by
selectively removing or digesting one component of the ECM at a time [11, 91]. In this
approach, individual components, or proteins, are removed from the tissue ECM, and the
mechanical measurement of the remaining tissue is analysed.
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The selective digestion method has been conducted on different tissues [91-93], including
the lung [11, 90, 94]. One study demonstrated that both elastase and collagenase decreased
Young’s modulus of lung tissue. However, a higher impact of collagenase on the tissue
strip was recorded [11]. A recent study by Birzle et al. [90] determined an interplay
between elastin and collagen fibres by comparing the stress-strain response of elastindepleted and collagen-depleted samples. The impact of the proteoglycans (PGs) on the
elastase-digested tissue was also examined, with the specific role of PGs in stabilising the
tissue identified [30, 94]. Despite the promising results of selective digestion, the efficacy
of the method needs to be validated by analysing the images of depleted samples.
In this chapter, histology and scanning electron microscope (SEM) imaging was used to
examine and describe the effectiveness of the conventional methods of protein removal in
lung tissue. A uniaxial strain-stress test was performed after removing each component of
the ECM for comparison. These measurements were intended to provide a dataset to
validate the computational model developed in Chapter 4. The aim of this work was to
develop a digestion protocol for degrading a single ECM component—collagen, elastin,
or PGs—for the ultimate outcome of measuring the change in viscoelastic properties of the
tissue. This was in the absence (or at least significant reduction) of each one of these
components. The work described here consists of two main parts: 1) to measure the
mechanical properties of porcine lung tissue in a healthy state and after removal of either
collagen, elastin, or PGs using uniaxial tissue strip testing; and 2) to validate the digestion
protocol using imaging methods (scanning electron microscopy (SEM) and histology),
visualising the ECM of lung tissue after digestion of the individual components.

Animal lung tissue was used in this study. The overall protocol of this study included the
removal of (ideally) individual components of the ECM. For one study, pig lung tissue was
used to perform mechanical measurements. In the second study, rat lung tissue was used
for imaging analysis to determine the structure of the tissue after degradation. Ethical
approval was obtained from the University of Auckland Animal Ethics Committee
(reference number 001811). This ethics protocol covered a study of the GI system of a pig,
and the lungs were collected after the animal was euthanised. Rat lung tissue samples were
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obtained from culled rats from the Vernon James Unit-Faculty of Medical and Health
Sciences.
Two different techniques were used to digest elastin and collagen. In the first digestion
technique, elastin and collagen were digested using trypsin and 10% formic acid,
respectively. In the second technique, elastin and collagen were digested using sodium
hydroxide and 80% formic acid, respectively. PG contents of the samples were digested
using testicular hyaluronidase. Mechanical measurements were conducted on dissected
porcine samples treated using the first technique. Histology and SEM imaging were
carried out on rat lung tissue samples subjected to both elastin and collagen digestion
techniques. Figure 3-1 represents the methodology of the experiments and the overview of
the digestion techniques.

Figure 3-1 Schematic of methodology for selective digestion of lung tissue samples. The selective
digestion samples were first prepared according to the two techniques; the mechanical
measurements were conducted on pig lung tissue, while the imaging analysis was conducted on rat
lung tissue.
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3.2.1 Mechanical measurement of pig lung tissue
Pig lung tissues were dissected from each lobe from the peripheral lung area and cut into
20 × 20 × 10 mm sections. The gender and the age of the pigs were unknown. Lung tissue
was collected post-mortem. Ethical approval was obtained from the Auckland Animal
Ethics Committee, and the reference was 001811. Twelve sections were refrigerated in
0.15 M phosphate buffer saline solution. These samples were randomly separated into four
groups: control, elastin-depleted, collagen-depleted, and PGs depleted. Following
digestion, the samples were mechanically tested using the uniaxial stress-strain method.
The digestion protocol was conducted as follows:
•

Collagen digestion

The collagen samples were prepared according to an original method described by
Kobielarz et al. [91]. The sample was immersed in 10% formic acid at 45º C for 2 hours.
The sample was autoclaved once at 1.05 bar and 121º C for 22 min.
•

Elastin digestion

To remove elastin from the matrix, the test sample was treated with a solution of 0.01 M
phosphate buffer (pH 8) and 2 mg/ml trypsin. The sample was incubated at 37º C for 22
hours, followed by autoclaving at 1.05 bar and 121º C for 22 min.
•

Proteoglycan digestion

The samples were incubated at 37º C for 24 hours in buffer solution (0.1 M sodium acetate,
0.1 M sodium chloride—pH 5) containing 1250 units bovine testicular hyaluronidase per
ml of the solution. The test sample was stored in 0.15 M phosphate buffered saline (PBS).
Mechanical testing
Each sample was clamped into the Instron 5543 tensile testing machine (Instron, Norwood,
USA) for uniaxial testing. The sample strip was immersed for 10 min in a buffer solution
of 0.01 M PBS (see Figure 3-2) and then stretched to a pre-load force of 0.01 N at a strain
rate of 3 mm/min. The actual test began with the same strain rate and continued until the
set maximum force of 0.2 N was reached. Following this, the sample was left to relax to
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0.15 N. The tissue was then returned to the initial length, and this procedure was repeated
five times per sample.

Figure 3-2. Uniaxial strain-test was performed on pig lung tissue; each strip was clamped into the
Instron machine and immersed in a 0.01 N PBS solution.

The stress-relaxation results were analysed using Equation 3.1 to find the Young’s
modulus (𝐸), viscosity (𝜂) and relaxation time (the ratio of viscosity to Young’s modulus).
Young’s modulus (𝐸) was calculated from the slope of the linear region of the stress-strain
curve at higher strains (30%–60%). Since the slope of the curve was changing, a wide
range of strains were considered to calculate Young's modulus. The viscosity was
determined using the relaxation part of the curve (where the stress dropped from 0.2 to
0.15 N). The strain rate was measured as the change in stress (𝜎) over the period time (𝑡).
In this equation, energy storage and energy dissipation were considered independent
processes. In soft tissue, the energy dissipation and energy storage depend on stress.
However, the aim of using this equation was to compare the change in mechanical
properties of tissue upon depleting the collagen, elastin and PGs.
𝝈
𝜼

=−

𝟏 𝒅𝝈

( 3.1)

𝑬 𝒅𝒕

Statistical analysis
A non-parametric Kruskal–Wallis one-way analysis of variance by the rank test was used
to determine differences between the four groups, while a post-hoc Dunn’s test was used
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to determine which groups significantly differed from the control group (SigmaPlot,
SYSTAT Software, CA, USA). The significance level (p) was defined as 0.05.
3.2.2 Imaging of rat lung tissue
SEM and histology were carried out on rat lung tissue samples. Samples were fixed in an
inflated condition with 2.5% glutaraldehyde in 0.15M phosphate buffer saline (pH 8) for
20 min in situ. The samples were kept in the same solution for 24 hours at 4ºC. The samples
were then rinsed with water for 2 hours, stored in 70% ethanol solution at 4ºC for a day,
and cut into 20 × 20 mm sections for the imaging procedure.
The second technique was carried out to digest collagen according to the method described
by O’Donnell et al. [95], and elastin according to the method described by Lemos et al.
[96]:
•

Collagen digestion

The samples were immersed in 2.5 mol/L NaOH solution for 48 hours, followed by
neutralisation in de-ionised water for 2 hours. The samples were then fixed in 1% tannic
acid for 3 hours.
•

Elastin digestion

The samples were immersed in 88% formic acid for 24 hours, followed by neutralisation
in 0.1 M phosphate buffer solution for 2 hours. The samples were then fixed in 2%
glutaraldehyde for 2 hours and rinsed again in PBS buffer.
Scanning electron microscopy
The samples were separated into four groups: control, collagen-depleted, elastin-depleted,
and PG depleted. The samples were stored in 0.1 M phosphate buffer. Before mounting
the samples into the SEM, the samples were dehydrated by immersing them for 20 min in
a graded series of 30, 50, 70, 90 and 100% ethanol. The samples were dried using a critical
point drying method with carbon dioxide and then mounted and sputter-coated with gold.
The images were produced using a Hitachi SU-70 scanning electron microscope at an
accelerating voltage of 5 kV.
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Histology
Histology was performed to confirm the selective digestion processes. The control and
digested samples were prepared for microscopy by processing them in an automatic
processor to embed the samples in paraffin. The embedded blocks were cut into 5-µm
sections using a microtome. The sections were stained with Elastica Van Gieson (EVG).
This was to evaluate the quantity of collagen and elastin in the lung tissue. The EVG stain
marked the collagen fibres in pink, and the elastin fibres in brown. Another set of slides of
the samples were stained with Alcian Blue to visualise the presence of PGs.
Histology results were analysed using ImageJ software and colour deconvolution plug-in
to quantify the amount of remaining collagen, elastin and PGs in the samples. The images
were colour deconvolved into haematoxylin-only images (H-images). After colourdeconvolution, manual thresholding was used to subtract background. Next, we used the
built-in watershed algorithm. The stained samples with EVG and Alcian Blue stain were
obtained in the same condition, and the marked areas were analysed to find the fractional
area of each protein. The fractional areas of the samples are presented as the mean +/- SD.
To compare the controlled and digested samples, a t-test was performed, and a p value of
0.05 was considered significant.

3.3.1 Mechanical measurement
Stress-strain curve of the tissue was a straight line at low strain followed by a sharp increase
in the Young’s modulus at higher strain. This J-shaped behaviour could be observed in the
control sample, elastin-depleted samples, and PG depleted samples, see Figure 3-3, which
can be explained by uncrimping of the wavy collagen fibres. After depleting collagen, the
Young’s modulus of the tissue at higher strain (30%-60%) decreased by 82.4%. The
collagen-depleted stress-strain curve was relatively more straight compared to the control
stress-strain curve.
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Figure 3-3. Examples of stress-strain curves obtained from uniaxial stretching experiments.

The Young’s modulus values are presented in Figure 3-4. The average Young’s modulus
for the control sample was 4.3 kPa. Depleting collagen from the sample led to the Young’s
modulus decreasing by 82.4% to 0.8 kPa, and the Young’s modulus of the elastin-depleted
sample decreased to 2.62 kPa (39.2%). A high value of variance for elastin-depleted
samples, about 2.2 kPa, indicated the low accuracy of the digestion technique for the elastin
in the samples. The variance for the collagen-depleted and PG-depleted samples were
evaluated as 0.8 kPa and 1.91 kPa, respectively. A comparison between the Young’s
modulus of the samples are given in Table 3-1.
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Figure 3-4. Elastic modulus of lung tissue strips for A) control, B) collagen-depleted, C) elastindepleted, and D) proteoglycan depleted groups. Horizontal bars with asterisk denote statistical
significance. Elastic modulus was calculated from the slope of the linear region of the stress-strain
curve at higher strains (30%–60%).

Viscosity values are depicted in Figure 3-5. The change in viscosity of the collagendepleted sample was 20% (from 1.5×104 Pa.s-1 to 1.22×104 Pa.s-1) lower than the viscosity
of the control samples, whereas the elastin-depleted samples showed an 89.9% reduction
in viscosity (from 1.5×104 Pa.s-1 to 7.5×103 Pa.s-1). The viscosity for the PG-depleted
samples decreased to 1.65×103 Pa.s-1. The result of the digestion technique implies that the
impact of elastin on the viscosity of the tissue was higher than those of PGs and collagen.
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Figure 3-5. Viscosity of lung tissue strips for A) control, B) collagen-depleted, C) elastin-depleted,
and D) proteoglycan-depleted groups. Horizontal bars with asterisks denote statistical significance.

A comparison of the individual fibre digestion with the control values is presented in Table
3-1. The relaxation time of collagen-depleted samples was 202% higher than the control,
and the relaxation time for the elastin-depleted samples was 82.4% higher than that of the
control samples. These values showed that collagen and elastin contents are also involved
in the viscous characteristics of the tissue.
Table 3-1. Overview of mechanical properties of selectively digested lung tissues compared to control
tissue strips.

Young’s Modulus
Viscosity

Collagen- depleted

Elastin-depleted

82.4% lower
20% lower

39.2 % lower
89.8% lower
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3.3.2 Scanning electron microscopy
The SEM results depicted a heterogenous alveoli size, which was measured as 91.3 ±
15.07 µm in diameter (Figure 3-6A). The alveolar walls separated the alveolar network
and were formed by a sheet of elastin network (Figure 3-6A). Thicker collagen fibres
could be seen at a larger scale (Figure 3-6C), which fused to the elastic sheet. Further,
SEM images from Figure 3-6D show a heterogeneous pattern of alveoli. This pattern
was considered hexagonal and was used for parenchyma modelling. Pores of Kohn
connecting the adjacent alveoli could be seen; the diameter of the pores was measured
as 6.84 ±1.8 µm.

Figure 3-6. Scanning electron micrographs of the control sample of rat lung tissue. A) At 400X, scale
bar = 100 µm, the alveoli are separated by alveolar septa, thicker collagen fibres are fused to the
elastin sheet; (B) at 600X, scale bar = 50 µm, a pore of Kohn that connect the adjacent alveoli in an
alveolar duct is shown by an arrow; (C) at 1500X, scale bar = 30 µm, a bundle of elastin network and
collagen fibres at the entrance of the alveoli is shown by arrows; and (D) at 200X, scale bar = 200
µm, a hexagonal pattern of heterogenous alveolar network is shown.
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Scanning electron microscopy of the samples subjected to the first digestion technique
The SEM results of the samples digested using the first technique are shown in Figure 3-7
(A-D). There was no difference observed between the elastin-depleted samples and PGdepleted samples. It was observed that the structure of the tissue was destroyed upon the
digestion of collagen (Figure 3-7B). This may be due to the non-specific degradation of
this digestion technique.

Figure 3-7. Scanning electron micrographs of the ECM components in the rat lung (A) control
sample at 500X; scale bar = 200 µm, (B) collagen-depleted sample at 1000X; scale bar = 100 µm, (C)
elastin-depleted sample at 500X; scale bar = 200 µm, and (D) proteoglycan depleted sample at 500X;
scale bar = 200 µm.
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Scanning electron microscopy of the samples subjected to the second technique
Depleting collagen from the samples did not affect the alveolar network structure; no
visible collagen fibres were observed in the network. The elastin sheet outlined the alveolar
ducts, and the shape of the alveolar network was deformed, which could also be observed
in a change in the diameter of the pores of Kohn compared to that of the control samples.
The size of the pores of Kohn was measured as 4.2 ± 1.4 µm, which is consistent with the
reported value in a previous study on ECM remodelling in which the diameter of the
alveolar pores was less than 5 µm [97].

Figure 3-8. Scanning electron micrographs of collagen-depleted rat lung tissues. The elastin
continuous sheet remained intact in the structure of alveolar walls in (A) at 350X, scale bar = 100
µm; an alveolar duct and alveolar sac can be seen. (B) At 450X, scale bar = 100 µm, the collagen
fibres were removed successfully from the ECM network. (C) At 300X, scale bar = 100 µm, the
structure of pores of Kohn can still be observed. (D) At 800X, scale bar = 50 µm, the alveolar septa
are deformed and have lost their strength.
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Upon digesting elastin from the tissue, the collagen fibres remained in the structure of
alveolar walls. A collagen fibre network was observed in Figure 3-9. However, the fibres
seemed to fuse to the damaged surrounding ECM matrix. Compared to the control samples,
the laminar elastin sheet was destroyed, and a trace of red blood cells could also be
observed (Figure 3-9c). The network geometry seemed to be reshaped, and the remaining
ECM matrix was a mix of collagen fibres entangled with the surrounding matrix.

Figure 3-9. Scanning electron micrographs of the elastin-depleted samples in rat lung tissues. Most of
the elastin networks have been removed from the network structures: (A) At 220X, scale bar = 200
µm, the collagen fibres outline the alveolar structure. (B) At 900X, scale bar = 50 µm, the blood cells
are visible within the ECM structure. (C) At 1200X, scale bar = 40 µm, a trace of elastin entangled
with the collagen fibres remains. (D) Elastin-depleted sample of the pleura at 1100X, scale bar = 50
µm.
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3.3.3 Histological evaluation
Histology results of samples subjected to the first technique
The histological results of the EVG stained samples for the collagen-depleted and elastindepleted samples using the first digestion technique are presented in Figure 3-10. The
collagen content was stained in red, and the elastin content was stained in dark brown (seen
as black). The elastin-depleted sample (Figure 3-10a) was prominently red, which shows
the presence of collagen fibres. However, the fractional area of the black colour elastin
content was assessed as 32.6%. The presence of collagen was also observed in the
collagen-depleted samples, which can be attributed to the low effectiveness of the digestion
technique. The image analysis result showed that the fractional area of collagen was 33.5%
in the elastin-depleted sample. The results suggest that digestion was not achieved as
anticipated by this technique.

Figure 3-10 Histological results from the EVG stained samples of the first digestion technique. EVG
has stained collagen content in red and elastin content in black (a) Elastin-depleted sample 10X (b)
Collagen-depleted sample 10X.

Histology of samples subjected to the second technique
The histological results of the EVG stained samples using the second digestion technique
are presented in Figure 3-11 with the collagen and elastin contents shown in pink and
brown, respectively. Figure 3-11a shows a strong brown staining associated with elastin
content in the collagen-depleted samples; however, small traces of pink collagen content
remained around the blood vessels. The image analysis showed that the fractional area
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covered by elastin brown content was 32.6%, compared to a pink collagen content of
21.1% (Figure 3-12).
Elastin-depleted samples (Figure 3-11 b) showed prominent pink collagen contents. The
brown elastin content was distributed within the tissue as small spots, which depicts
degradation of most of the elastin content. Collagen fibres could be found around the
muscles and airways. The image analysis showed that the fractional area of the pink elastin
content was about 26.9%, and the brown collagen content was about 33.5% (Figure 3-14;
Figure 3-12). The elastin content in the control samples (Figure 3-12) was evaluated as
30.8% and the collagen content as 26.6%.

Figure 3-11. Histological results from the EVG stained samples of the second digestion technique.
EVG has stained collagen in pink and elastin is light brown (a) Collagen-depleted sample 10X (b)
Elastin-depleted sample 10X.

Figure 3-12. a) Elastin and collagen were EVG-stained in a control sample. Elastin contents are dark
brown and collagen contents are stained red; b) PG in control sample using Alcian blue.
Proteoglycans are stained in reddish blue.

The samples were stained with Alcian blue to quantify the PG content, which was stained
in blue. In the control samples, thick strands of PGs traversed through the image; small
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blue dots were observed within the tissue. Image analysis showed that the fractional area
of PGs in the control sample was about 5.74%. In the collagen-depleted samples (Figure
3-11a), PG content could hardly be observed, indicating that our collagen digestion method
also destroyed PGs. The PG content in the elastin-depleted samples was evaluated as
4.08%, which is 20% less than the PGs content of the control samples.

Figure 3-13. Samples stained with Alcian blue to quantify PG content. Blue represents the PGs in the
samples in a) collagen-depleted and b) elastin-depleted samples. Both samples show some trace of
PGs.

Figure 3-14. Fractional areas of collagen and elastin and PGs in the control and digested samples.
Data are presented as mean ± SD; n = 5. *p<0.005 (t-test for two samples with unequal variances).
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This study aimed to determine the contribution of major ECM load-bearing components
to the mechanical properties of lung tissue. The Young’s modulus of the digestion samples
decreased upon digestion of collagen and elastin, with the Young’s modulus of collagendepleted samples decreasing by 82.4% and elastin-depleted samples by 39.2%. Previous
studies showed that the Young’s modulus of tissues reduces more with collagen digestion
than with elastin digestion [11]. The greater impact of collagen was also observed in our
mechanical measurement results. The effectiveness of the present digestion procedures
was assessed by analysing histological and SEM images. Histological observation showed
a trace of elastin and collagen in samples after digestion, which confirms that the digestion
techniques could not completely digest the ECM fibres that were targeting with the
protocol. Changes in the geometry of the alveolar diameter as well as the pores of Kohn
were also observed in the SEM images (Figure 3-8), which indicate a change in the
geometrical structure of tissue. Furthermore, PG content varied in the digested samples, as
shown in histological images (Figure 3-13).
In the current study, the use of trypsin in the first elastin digestion technique was not
effective as a trace of elastin was observed in the histology images (Figure 3-10). Elastin
structure is a combination of microfibrillar components that are cross-linked with
amorphous elastin. In enzymatic digestion, the microfibril components experience
proteolysis and isolate the amorphous elastin from degradation [98]. The use of hot alkali
digestion, NaOH, in the second digestion technique led to more suitable results; however,
elastin was still observed in the elastin-depleted samples (Figure 3-11). Formic acid
removed the collagen as well as the PGs, as no trace of PGs was observed in collagendepleted samples (Figure 3-14). The histological technique used in this study was able to
differentiate elastin and collagen; however, the types of collagen were not distinguishable
in the histological images. Thus, a more specific verification method, such as
immunohistochemical protein staining, is suggested [91].
In the literature, different digestion protocols were used for the lung samples. For example,
a recent study by Brizle et al. [90] used protease to digest elastin and collagen and evaluated
the effectiveness of their procedure by increasing the incubation time until there was no
change in the mechanical measurement. However, the study did not show the effect of the
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technique on the digestion of the fibres. Moreover, the effect of elastase on the PGs content
was discouraged by the author, and the use of a histological method was suggested.
In addition to the above argument, some limitations in the experimental methods that may
cause inaccurate mechanical measurements are:
•

The digestion protocol: Although the literature suggests different digestion
protocols for elastin and collagen fibres in the ECM, these protocols had to be tuned
for optimal incubation time, reagent concentrations, and temperature. Thus, the
reagents needed for the different types of tissue require validation. Moreover, these
chemicals may affect the proteoglycans content as procured in our study.

•

Entanglement of elastin and collagen: The most important obstacle to assessing
the role of each fibre in the mechanical properties of lung tissue is probably the
complex interplay between elastin and collagen. Elastin and collagen form a highly
interwoven network that is connected via physical linking and chemical crosslinking [99]. It is known that elastin withstands the initial load on the tissue and
also contributes to opening the wavy collagen fibres. Hence, removing one of these
fibres could affect the response of the other fibre to the exerted load on the tissue.

•

Surrounding matrix (also known as ground substance): Elastin and collagen
are the major load-bearing constituents of ECM that are embedded in the
surrounding matrix. This surrounding matrix is a gel-like charged hydrated media
and is mostly PGs. The contribution of PGs to the mechanical properties of the
tissue has been previously proven [30]. Therefore, experimentally removing the
fibres could also impact the response of the surrounding matrix to the applied load.

•

Change in the geometry of the tissue: The geometry of lung tissue contributes to
its mechanical properties [100]. Altering the ECM composition will lead to a
change in geometry and hence affect the mechanical properties of the tissue. SEM
images showed the change in the tissue geometry upon the digestion of the fibres.
Although this contribution may only have a minor impact on the mechanical
properties of tissue, it should be considered when determining the specific role of
the ECM components.

•

Mechanical testing condition: Mechanical measurements were performed in
different test conditions; for example, aqueous solutions of different molarities
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were used, and the loading rates were not uniform during the mechanical
measurement. These changes in the mechanical measurement resulted in a variety
of stress-strain curve, which makes it challenging to evaluate the specific role of
ECM fibre.
•

Confounding effect of cell: Another limitation of the experimental measurement
is the fact that the cells within the matrix are also contributing to the mechanical
properties of the tissue. Studies have also documented that the structure of the
tissues may change after decellularisation, which results in a variation in the
mechanical measurements[101]. Hence the presence of the cells are another hurdle
to assess the individual role of extracellular matrix components.

In conclusion, we attempted to define the mechanical role of ECM fibres in lung tissue
mechanical properties. The initial goal of this assessment was to provide an experimental
dataset that could be used to tune and validate the model parameters in Chapter 4.
However, the selectivity and effectiveness of the digestion techniques were not consistent
with other research studies due to the reasons mentioned in the discussion. The
experimental results from the other studies were used to validate the model developed in
Chapter 4.
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Developing a viscoelastic network
model for lung tissue ECM
This chapter develops a hexagonal network model for lung ECM and
evaluates the impact of alteration of the ECM components.
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Developing a viscoelastic
network model for lung tissue ECM

This chapter is based on the following publication:

Iravani, A., A. Thambyah, and K. Burrowes, A viscoelastic two-dimensional network
model of the lung extracellular matrix. Biomechanics and modeling in mechanobiology,
2020. 19: p. 2241-2253.

Developing a viscoelastic network model for lung tissue ECM

Chapter preface
The extracellular matrix (ECM) comprises a large proportion of the lung parenchymal
tissue and is an important contributor to the mechanical properties of the lung. The lung
tissue is a biologically active scaffold with a complex ECM matrix structure and
composition that provides physical support to the surrounding cells. Nearly all respiratory
pathologies result in changes in the structure and composition of the ECM; however, the
impact of these alterations on the mechanical properties of the tissue is not well understood.
In this chapter, a novel network model was developed to incorporate the combinatorial
effect of lung tissue ECM constituents such as collagen, elastin and proteoglycans (PGs),
and used to mimic the experimentally derived length-tension response of the tissue to
uniaxial loading. By modelling the effect of collagen elasticity as an exponential function
with strain, and in concert with the linear elastic response of elastin, the network model’s
mechanical response matched experimental stress-strain curves from the literature. In
addition, by incorporating spring-dashpot viscoelastic elements, to represent the PGs, the
hysteresis response was also simulated. Finally, by selectively reducing volume fractions
of the different ECM constituents, we were able to gain insight into their relative
mechanical contribution to the larger scale tissue mechanical response.

The extracellular matrix (ECM) is a biologically active three-dimensional scaffold that
provides structural and biochemical support to surrounding cells. All tissues are comprised
of ECM; however, the composition and resultant mechanical properties vary depending on
the tissue type and the required function thereof. ECM of the lung parenchyma is composed
of three main components: collagen and elastin within a proteoglycan (PG) viscous matrix
comprising the remainder. Collagen provides strength and structural support, elastin gives
the lung its characteristic elasticity, a requirement for normal breathing, and PGs provide
cushioning and stability during tissue loading. In healthy lung parenchyma, collagen type
-I has been measured to comprise 8% and elastin 10% of total tissue area. These fractions
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have been found to vary within different parts of a healthy lung [102]. Also, normal aging
and many chronic lung diseases are associated with alterations in the composition and
microstructure of the ECM [3, 22, 31, 103]. The relationship between these changes and
alterations in the mechanical properties of the tissue are not well understood. Increasing
our understanding of these mechanical properties is important, both for understanding lung
function and in understanding feedback between cells to tissue, via mechanotransduction,
which could explain the progression of respiratory diseases.
Experimental studies, typically performed via uniaxial tensile testing experiments using
lung tissue strips, have provided extensive information on lung tissue mechanical
properties [15, 52, 94, 104]. As discussed in Chapter 3, the results of the experimental was
not promising which shows the necessity for the modelling approach. Moreover, while
application of uniaxial tension to a strip of tissue is not necessarily representative of in vivo
conditions, these types of experiments have provided knowledge related to the impact of
altered ECM composition (by degradation of one or more components) on mechanical
properties. Computational modelling has often been used alongside these experiments to
increase understanding of the mechanisms occurring [11, 94, 105]. The two most common
computational approaches used represent the parenchymal tissue either as a discrete
network of springs (with each spring representing an alveolar wall) [106, 107] or as an
elastic continuum [15, 16, 108]. The advantages and disadvantages of each approach has
been discussed in Chapter 2. Spring models enable more detailed analysis at the
microstructural level. Spring network models have been applied in several previous studies
to, for example, show the contribution of PGs to the mechanical properties of lung tissue
[106], and to investigate mechanisms in the progression of emphysema [109] and fibrosis
[18]. Previously viscoelastic network models have been developed to investigate the
impact of microstrain and angular orientation in alveolar walls on the macroscopic
hysteresis behaviour [110] and the contribution of surface tension in dynamic elastance
and tissue resistance [107]. However, these models were limited to demonstrating the
viscoelastic behaviour of the lung qualitatively.
This chapter presents a novel two-dimensional spring network model representing the
ECM of lung parenchymal tissue. Viscoelastic properties were incorporated into this
spring network, similar to Cavalcante et al. [30], using a spring-dashpot element based on
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work by Sopakayang and De Vita [111]. With this model, the composition of the three
main ECM components (collagen, elastin and PGs) were varied to determine the impact of
these changes in composition on tissue viscoelastic properties. In this study, we
demonstrate how the model was developed and parameterised using experimental data
from Sugihara et al. [112, 113]. The impact of structural heterogeneity and ECM
composition on mechanical properties was investigated.

The viscoelastic properties of the lung tissue were modelled using a two-dimensional
spring network model. The viscoelastic properties of lung tissue have previously been
modelled using different geometric arrangements, such as truncated octahedral [114] and
dodecahedral [115]. However, from histological comparisons, Kononov et al. [116] has
shown that a hexagonal pattern is most suitable to represent alveolar morphology. This
hexagonal pattern was also observed in the SEM images in Chapter 3. Therefore, a
hexagonal spring arrangement was utilised, with each spring representing an alveolar wall,
similar to the model configuration presented in Cavalcante et al. [30]. In addition, diagonal
springs were included to represent the role of PGs and provide stability to the network. In
Sopakayang and De Vita [111], a spring-dashpot was placed in parallel to a non-linear
(probability density function, PDF) spring to represent the combined effect of PGs and
collagen respectively. In the model of the present study, we used the same concept but
substituted the PDF function for an exponential function, and then added a third spring
element in parallel to represent elastin. Hence, there is no real relevance or relationship to
actual tendon structure or mechanics. Each alveolar wall spring represented the combined
nonlinear mechanical behavior of elastin, collagen and the surrounding matrix within the
lung parenchymal tissue. Collagen was represented using a nonlinear spring, elastin was
assumed to behave as a linear spring, and the surrounding matrix was represented using a
Maxwell (spring and dashpot) element and provided viscoelastic properties to the model.
A schematic of the model, described in detail below, is shown in Figure 4-1. Uniaxial
tensile simulations were performed by fixing one side (using the short side, Figure 4-1b)
of the model and applying strain (at various rates) to the opposite side of the model. The
global and regional stresses within the simulated lung tissue were investigated.
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Figure 4-1 The hexagonal spring network model representing the alveolar arrangement in lung
parenchymal tissue. Blue line elements represent alveolar walls and red line elements mimic the role
of proteoglycans (PGs). The underlying mathematical models for each spring element are shown,
with a nonlinear viscoelastic model used for the blue (alveolar wall) elements (representing elastin,
S1, collagen, S2, and surrounding matrix, D and S3) and a linear spring model for the red (PGs)
diagonal elements. b) Geometric heterogeneity was included in the network by randomly displacing
the nodes from an ideal hexagonal arrangement (note, diagonal elements are hidden for clarity). 
represents strain applied to springs.

4.2.1 Network construction
Different sizes of the network were simulated, and we found that the size of the network
did not have a major influence on the resultant stress when the number of alveoli was
greater than 142 (See Figure A.1 in Appendix for more details for selection of alveolar
network size). The stress of the network was only affected by 1% when increasing the
number of alveoli from 142 to 252. A network structure consisting of 252 alveoli (made
up of 52 x 22 nodes), was created using Matlab, The MathWorks, Inc. In this case, the
network has 823 alveolar wall elements that was considered to be sufficient for the
heterogeneity analysis. The computational time for 252 alveoli was approximately 5
minutes using a regular desktop computer. Heterogeneity of the model geometry was
introduced by randomly adding displacements to the network nodes. To determine the
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impact of geometric heterogeneity, the node positions were varied from a value of 0% (a
uniform hexagonal network) up to 80% of the length of the element and the resulting stress
distribution within the model was determined. The level of heterogeneity was quantified
using the coefficient of variation (CV) of the area of each hexagon (using CV=standard
deviation of hexagon area / mean value of hexagon area in the network). For all standard
simulations (and unless otherwise stated) we set the model to have a random nodal
displacement, with nodes moving an amount between 0-40% of the total element length,
such that the CV% of the hexagonal area was 10% in accordance with measurements of
alveolar area variation in the human lung [117] (As seen in Figure A.2 appendix A).
4.2.2 The numerical model
Mechanical properties of the alveolar wall were mimicked using a model based on that
developed by Sopakayang and De Vita [111]. In this previous study, the effect of collagen
recruitment was simulated within a viscous matrix using three elements: a nonlinear elastic
collagen spring in parallel with a linear spring-dashpot system. In the current study, this
model was extended by including an additional linear spring to represent elastin and
representing collagen as a nonlinear spring. Elastin fibres exhibit linear elastic behaviour
and the stress (𝜎𝑒 ) within elastin fibres was represented using the following equation:
𝜎𝑒 = 𝑆1 𝜀,

(4.1)

where S1 is the elastic (Young’s) modulus of the elastin and 𝜀 is the axial strain in the
model. The recruitment of collagen in the Sopakayang model was modelled using a
Weibull probability density function. In our model both recruitment and strain-stiffening
of collagen fibers were modelled using an exponential equation which was first described
by [118] and which continues to be a topic of great interest [119]. Therefore, the stress
within the collagen fibres (𝜎𝑐 ) was represented using an exponential spring equation:
𝜎𝑐 = 𝑆2 𝑒 𝑎𝜀 ,

(4.2)

where S2 is the Young’s modulus of the collagen and a represents the effect of strain
stiffening in the collagen fibres. The stress in the surrounding matrix (𝜎𝑚 ) was represented
using a Maxwell (spring-dashpot) model:
𝜎𝑚 = 𝑆3 𝜀1 = 𝐷

𝑑𝜀2
𝑑𝑡

,

(4.3)
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𝜀1 + 𝜀2 = 𝜀.

(4.4)

Here S3 and D represent the spring constant and the damper coefficient of the Maxwell
component, respectively. 𝜀1 and 𝜀2 are the strains in the spring and dashpot, respectively.
The total stress across these three elements was determined according to the rule of a
mixture. This specifies that the total stress in the fibres and matrix in a composite material
is based on the weighted contributions from the fibres and the matrix. Therefore, the total
stress of the alveolar wall element (𝜎𝑇 ) can be written as:
𝜎𝑇 = 𝜈𝑒 𝜎𝑒 + 𝜈𝑐 𝜎𝑐 + 𝜈𝑚 𝜎𝑚 = 𝜈𝑒 𝑆1 𝜀 + 𝜈𝑐 𝑆2 𝑒 𝑎𝜀 + 𝜈𝑚 𝑆3 𝜀1,

(4.5)

𝜈𝑐 + 𝜈𝑒 +𝜈𝑚 = 1,

(4.6)

where νc, νe and νm are the volume fraction of collagen, elastin and the surrounding matrix,
respectively. Under unidirectional stain along the alveolar wall, we have extrapolated our
2D analysis to include a 3D consideration in that each element cross section is modelled
as cylindrical. The cross-section area contains the primary information of ECM
constituents, which is then multiplied by a length of the hexagonal element. Hence spring
constants are moduli and the constituents are volumetric. For normal simulations, values
of νc=8%, νe=10%, and νm=82% were used, based on measured values of fraction area of
collagen and elastin in human lung tissue (νc=8±4.7% and νe=10±6.3%) [102]. In this
study, only collagen type -I was considered as previous studies found it to be the most
abundant and the major tensile bearing type of collagen in ECM [120].
Differentiation of equation 4.5 is as follows:
𝑑𝜎𝑇 = 𝜈𝑒 𝑆1 𝑑𝜀 + 𝜈𝑐 𝑆2 𝑎𝑒 𝑎𝜀 𝑑𝜀 + 𝜈𝑚 𝑆3 𝑑𝜀1

(4.7)

The stress of the spring element and the dashpot element in the Maxwell element is equal,
and strain of the Maxwell element is the sum of the spring and dashpot strains, therefore:
𝑆3 𝜀1 = 𝐷

𝑑𝜀2

(4.8)

𝑑𝑡

𝜀 = 𝜀1 + 𝜀2

(4.9)

substituting 𝑑𝜀2 from equation 4.8 into the differentiation of equation 4.9 gives the
following:
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𝑑𝜀 −

𝑆3 𝜀1
𝐷

𝑑𝑡 = 𝑑𝜀1

(4.10)

Consequently, the last term of equation 4.7 can be written as:
𝜈𝑚 𝑆3 𝑑𝜀1 = 𝜈𝑚 𝑆3 𝑑𝜀 −

𝜈𝑚 𝑆3 2 𝜀1 𝑑𝑡

(4.11)

𝐷

And finally, equation 4.7 can be written as:
𝑑𝜎𝑇 = (𝜈𝑒 𝑆1 + 𝜈𝑐 𝑆2 𝜀𝑎𝑒 𝑎𝜀 + 𝜈𝑐 𝑆2 𝑎𝑒 𝑎𝜀 + 𝜈𝑚 𝑆3 )𝑑𝜀 − 𝜈𝑚 (

𝑆3 2 𝜀1 𝑑𝑡
𝐷

).

(4.12)

Equation 12 was solved using the forward Euler method as follows:
𝜎𝑇 𝑛 − 𝜎𝑇 𝑛−1 = (𝜈𝑒 𝑆1 + 𝜈𝑐 𝑆2 𝜀𝑛−1 𝑎𝑒 𝑎𝜀𝑛−1 + 𝜈𝑐 𝑆2 𝑎𝑒 𝑎𝜀𝑛−1 + 𝜈𝑚 𝑆3 )∆𝜀 − 𝜈𝑚 (

𝑆3 2 𝜀1 𝑛−1 ∆𝑡
𝐷

)

(4.13)
At each time step, ∆𝑡, the stress, 𝜎𝑇 𝑛 , was calculated by using the stress and strain from the
previous time step, 𝜎𝑇𝑛−1 , 𝜀𝑛−1. To minimise the error in the numerical solution a time step
of 0.1 s was used for all simulations (for details on selection of the time step see Figure A3 in Appendix A).
Stabilising elements, representing the role of PGs within the alveolar walls was included
using diagonal linear spring elements with stress (𝜎𝑝 ) determined using the following
linear spring equation:
𝜎𝑝 = 𝑆4 𝜀𝑝

(4.14)

where S4 is the spring constant and 𝜀𝑝 is the total strain on these elements.
4.2.3 Boundary conditions and system solution
The stress-strain relationships for each spring element (combining Equations 4.13 and
4.14) were assembled into a global stiffness matrix and the Forward Euler method was
used to solve for stress and strain in each node and element (see Appendix A for more
details on constructing the stiffness matrix).
Strain was applied on the top of the network model at a strain rate of 10%/min for all
simulations. The nodes at the bottom of the network were fixed in both x- and y-directions,
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and the top nodes were constrained to move only in the y-direction (refer Figure 4-1).The
amount of displacement at each time step was calculated using the strain rate, and the top
nodes were moved along the y-axis accordingly while their positions in x-direction were
fixed. The network was assumed to be at equilibrium at each time point, so the stress at
nodes inside the network was assigned to be zero ([

𝑑𝜎𝑇𝑥
0
] = [ ]). And the boundary
𝑑𝜎𝑇𝑦
0

conditions were applied on the network by assigning the strain at the bottom (fixed) to be
zero ([

𝑑𝜀𝑥
0
] = [ ]). Consequently, the new positions of the nodes can be determined by
𝑑𝜀𝑦
0

solving the stiffness matrix. It should be noted that the cross-sectional area of the alveolar
walls for all elements was assumed to be the same. Therefore, the stress rather than the
forces within the nodes was assumed to be zero.
To calculate the global stress, the stresses in the stretch direction at the top nodes were
summed and divided by the number of alveoli (across the width of the model). It should
be noted that the sum of the stresses at the top and bottom nodes were the same but in
opposite directions. Finally, the stress of each element was obtained according to the new
position of each node. This process continued until the network reached the target strain
(50%, unless otherwise stated). During relaxation, the nodes at the top were fixed and the
global stress and internal stresses were calculated using equation 4.13 for the relaxation at
each time step. Note that the internal nodes were allowed to move during the relaxation.
4.2.4 Model parameterisation
Due to lack of available data concerning stress-strain properties of the individual
constituents of the ECM within the alveolar wall, the model parameters (S1-S4, a and D)
were estimated by fitting to published stress-strain data within the alveolar wall using data
from [112, 113]. The experimental measurements in Chapter 3 were not used as they were
not reliable after analysis. The overall stress-strain curve of the alveolar wall was assumed
to be determined by the reinforcement fibres (collagen and elastin). It was also assumed
that the elastin fibres dominate the stress-strain behavior properties at low strain and
collagen fibres dominate at higher strains [121, 122]. Using this assumption, Equation 4.1
was used to determine the optimal parameter value for S1 (for low strain, <20%) and
Equation 4.2 was used to determine S2 and a using the experimental stress-strain data for
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higher strains (25-50%) [113]. Next, the parameters of the surrounding matrix (S3 and D)
were estimated using data from another study by Sugihara, Hildebrandt [112] which
measured the viscoelastic properties of human lung tissue. In this process, the hysteresis
ratio (HR, measured as 0.3) and the amount of stress relaxation after 5 seconds (SR5,
measured as 11%) were used to determine the spring and dashpot parameters in Equation
4.3. Finally, the spring constant of the diagonal, PG, elements (S4) was determined using
sensitivity analysis. It has been shown previously that the PGs contribute to the mechanical
properties of the lung [30]. Therefore, to fit S4, we compared the simulated value of
maximum stress, at 30% strain, against the mean measured value from several
experimental studies (having a value of 0.25 N/cm2) [11, 86, 123-126]. After determining
all parameters, the total stress of the model fit was determined (Equation 4.13) and
compared with the experimental measurements [11, 15, 86, 104, 123-126].
4.2.5 Application of the model
In order to validate the response of the model, we simulated the stress-strain and stressrelaxation response of the lung parenchyma and compared model outputs with several
experimental data sets for measurements of lung tissue [11, 15, 86, 104, 123-126]. The
effect of geometric heterogeneity on the global stress and the distribution of stress within
the network was then investigated. The impact of degradation of ECM fibers was simulated
by reducing the volume fraction of each component of the alveolar model (Equation 4.13).
The volume fraction of each component of the model was reduced by 20%, 50%, 70%, and
100%, and the impact of this reduction was then assessed on the stress-strain curve and
relaxation. This removal was uniform and was applied on the all the elements of the model.
In addition, we have also added an example of increasing volume fraction of collagen and
elastin (to 20%).

4.3.1 Model parameterisation
Table 4-1 shows the parameters determined by parameter fitting and used in all subsequent
simulations. The model predicted stress-strain distribution is shown together with the
experimental measurements from [112, 113] in Figure 4-2. Note, here we present the model
just with the stress-strain contribution from elastin and collagen (Equations 4.1 and 4.2).
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The root mean square error (RMSE) for the model compared to the measured data was
0.359 N/cm2.

Table 4-1 Model parameters determined by fitting the model to lung tissue measurements.

Equation

Parameters

Value*

Reference for data used

𝜎𝑒 = 𝑆1 𝜀,

S1

16.0 N/cm2

Sugihara et al [113]

𝜎𝑐 = 𝑆2 𝑒 𝑎𝜀

S2

0.02 N/cm2

a

19

S3

9 N/cm2

D

180 N.s/cm2

S4

1.5 N/cm2

𝜎𝑚 = 𝑆3 𝜀1 = 𝐷
𝜎𝑝 = 𝑆4 𝜀,

𝑑𝜀2
𝑑𝑡

Sugihara et al [113]

Sugihara et al. [112]
Mean stress @ 30%
strain from [11, 86, 123126]

*S values are nominal stiffnesses, a is a constant and unit-less, D is a damping coefficient.

Figure 4-2 a) The parameters of the elastic components (elastin and collagen) of the alveolar wall
model were determined by fitting the model to measurements of stress and strain from Sugihara,
Martin [113]. The inset, top left, shows a magnification of the lower strain values to illustrate the
difference between elastin, collagen, and the model fit separately in this region. b) This figure shows
a comparison of an experimentally determined hysteresis loop of the alveolar wall in human lung
tissue [112] compared to the alveolar model outputs (solid line). The loop area of the hysteresis curve
was used to find the parameters of the Maxwell model [112, 113].

For the viscoelastic properties, measured values for the hysteresis ratio, which is the ratio
of the area of hysteresis to the area under the extension curve (Figure 4-2(b)), and stress
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relaxation, in particular the % of stress reduction from peak stress to that after 5 seconds
of relaxation (SR5) were used to fit the model parameters [112]. Optimal values of S3 and
D are shown in Table 4-1. A RMSE (between the experimental data for the hysteresis curve
and the model) of 1.35 N/cm2 was determined.
When determining the spring constant for the diagonal, PG, elements we assessed peak
stress (at 30% strain) for different values of S4 as shown in Figure 4-3. At lower stiffness
values (S4 <1 N/cm2), the peak stress decreased sharply while at higher values (S4 >3
N/cm2), the peak stress remained fairly constant. To match the median peak stress value
from experimental studies [11, 15, 86, 104, 123-126], of 0.25 N/cm2, a value of S4=1.5
N/cm2 for all normal simulations was selected as optimal.

Figure 4-3 Peak stress values at 30% strain were plotted against different values of stiffness of
diagonal elements (model parameter S4). The diagonal element stiffness was selected as 1.5 N/cm 2 to
align with mean measured values of peak stress of 0.25 N/cm2 at 30% strain from the literature [11,
15, 75, 86, 104, 123-127].

4.3.2 Comparison of model results with measurements
Figure 4-4 compares model predictions with experimental measurements. Figure 4-4a
presents the simulated stress-strain curve for a uniaxial tensile test on a tissue strip, using
parameter values shown in Table 4-1. These results are plotted in line with experimental
data from several experimental studies [11, 86, 123-126]. Model results compare well with
experimental values, both in terms of the stress-strain curve and the magnitude of the stress.
Figure 4-4b presents the stress relaxation over time, held at a strain of 40% (to align with
experimental data). The relaxation stress was normalised to the peak stress and then fitted,
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as a function of strain, using a power law model. The relaxation exponent (β) determined
from this fitting was -0.041, the 95% Confidence interval was [-0.04644, -0.04542]. which
is in agreement with a previously reported experimental value of -0.044 (± 0.0012) by
Bates, Maksym [128]. These results show that the model is able to predict realistic stressstrain and stress-relaxation curves representative of lung parenchymal tissue.

Figure 4-4 Comparison of simulated outputs with measurements from experimental studies. a)
Stress versus strain from several experimental studies using lung tissue from various species [11, 15,
86, 104, 123-126], retrieved from [15] plus model data. The solid line indicates the model results,
which are within the range of literature values. b) Stress relaxation plotted over time for a fixed
strain of 40%. Stress values were normalised to peak stress and the relaxation response was fitted
using a power law (y=xβ, where β =-0.041). The exponent value, β, is in agreement with a previously
reported experimental study [4].

4.3.3 Effect of geometric heterogeneity on stress distribution
The global stress showed minimal variation (from 35% to 45%) when increasing the
heterogeneity from 0% to 80% (that is moving the nodes from a uniform hexagonal
network to a more distorted structure). However, the distribution of stress within the
network changed more substantially and stress within individual springs, or alveolar walls,
within the network model either increased or decreased. Figure 4-5a plots the coefficient
of variation of stress (CVstress%) within the network model as a function of the level of
geometric heterogeneity. This shows an increase in CVstress% from 30% to 58% as the
geometric heterogeneity increases from 0 to 80%. Figure 4-5b depicts the frequency
distribution of stresses across the full network model in various geometric configurations.
A uniform hexagonal pattern, heterogeneity 0, resulted in a bimodal distribution with a
sharp peak followed by a small peak at higher stress. The bimodal response is in relation
to the relatively orthogonal and diagonal arrangements of the elements in the homogeneous
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state. When heterogeneity is introduced and there is less of a common alignment. Similarly,
the stress in each element is distributed in that bimodal fashion in relation to the geometry
of the elements in the network. Further, with more heterogeneity, the incidence of elements
that are subject to peak stresses increases and this is shown in Figure 4-5b where at around
2 N/cm2 there is a significant tail in the density function.

Figure 4-5 a) The coefficient of variation (CVstress %) of stress within the network is plotted as a
function of the amount of heterogeneity used when creating the geometric heterogeneity. b) Shows
the distribution of stress within the network model at varying levels of geometric heterogeneity. As
the geometric heterogeneity increased, the stress distribution within individual alveolar walls became
more heterogeneous.

4.3.4 Effect of altering the ECM components
Respiratory diseases and normal age-related changes are associated with alteration of the
ECM composition. The alteration in ECM composition results in a change in the strength
of the tissue. This alteration was simulated by altering the volume fraction of ECM
constituents in the model. Both elastin and collagen removal, by reducing the volume
fraction of these components, shifted the stress-strain curve to the right, decreasing the
stiffness. The removal of collagen (Figure 4-6a) changed the stain-stress curve only at
strains higher than 20%. At lower strains, <20%, removal of collagen had no impact on the
curve demonstrating that in our model, elastin and collagen were considered as
independent constituents. Interestingly, the effect of removal of elastin (Figure 4-6c) was
also observed at strain values higher than 20%, this is due to the fact that some individual
springs or alveolar walls experienced strain less than 20% even though the network as a
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whole had strain more than 20%. Removal of the surrounding matrix (Figure 4-6e) led to
a visible shift in the stress-strain curve at all values of strain, even at low values of strain
where collagen and elastin removal did not have an impact. Removal of the surrounding
matrix also resulted in a reduced stiffness of the tissue. A similar effect was also observed
after decreasing the stiffness of diagonal elements (Figure 4-6g).
The relaxation data showing the removal of different ECM components was normalised to
the maximum stress and is presented in Figure 4-6 (b, d, f, h). The tissue as a whole
(normal) shows some stress relaxation over time. Decreasing the elastin and collagen
volumes reduced the relaxation equilibrium, meaning that the resting relaxation stress was
lower. This effect was slightly greater after collagen removal, with a new resting
normalised stress of 0.68 compared to 0.74 after complete removal of elastin. The reverse
effect was seen after both reducing the volume fraction of the surrounding matrix and
decreasing the stiffness of the diagonal elements (Figure 4-6 f and h). In this case, there
was less stress relaxation and after complete removal of the surrounding matrix there was
zero stress relaxation as shown by the constant stress over time. This is to be expected as
the surrounding matrix provides the viscoelastic properties within the model via the
Maxwell model.
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Figure 4-6 Simulation results demonstrating the impact of removing collagen, elastin, and
surrounding matrix (via reduction of the volume fractions, 𝝂𝒄 , 𝝂𝒆 , 𝝂𝒎 respectively) and decreasing
the stiffness (S4) of diagonal elements. Stress-strain plots are demonstrated (a, c, e, g) with increasing
removal of collagen, elastin, surrounding matrix, and diagonal element (PG), respectively. Stressrelaxation plots (stress normalised by peak stress versus time) at a fixed strain of 50% are shown in
(b, d, f, h) for increasing removal of collagen, elastin and surrounding matrix and decreasing the
stiffness of diagonal elements, respectively.
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To further study the contribution of the diagonal PG elements, we simulated the network
using three different stiffness values for the diagonal elements (S4 = 0.2 N/cm2 1.5 N/cm2
and 3 N/cm2). As can be seen in Figure 4-7, using a stiffness of 1.5 N/cm2, resulted in a
fairly uniform stress distribution among the network elements. A similar stress distribution
was observed when the stiffness of the diagonal elements was increased to 3 N/cm2,
however the maximum stress on individual elements increased marginally from 0.13 to
0.17 N/cm2 and the total network stress increased from 0.5 N/cm2 to 0.6 N/cm2. Decreasing
the stiffness of the diagonal elements to 0.2 N/cm2 resulted in the visual appearance of the
Poisson effect (Figure 4-7a). In this case, while the model was being stretched along the
y-axis, there was also a consequential compression or contraction through the cross-section
(x-axis) of the model due to a lack of support normally provided by the PGs.

Figure 4-7 Simulated stress distribution within the network model at a strain of 30% for different
values of stiffness (spring constant, S4) of the diagonal elements at. a) S4=0.2 N/cm 2, in this case the
maximum stress on the elements was ~0.13 N/cm 2 and certain percolation pathways (contiguous high
stress pathways) appear within the network that experience higher stresses and as a result there is
increased stress heterogeneity within the network. There is a visible Poisson effect with contraction
across the centre of the slice cross-section. b) S4=1.5 N/cm2, the stress distribution here is relatively
uniform. The values of stress are indicated in the colour spectrum adjacent to each subfigure.
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Although model results showed a good agreement with experimental data, there are some
limitations and assumptions made in the model. Different mathematical models have been
proposed to mimic the behavior of elastin and collagen [30]. In the present model, a threeelement spring-dashpot model was developed to represent the mechanical properties of an
alveolar wall. This model was extended by creating an interconnected alveolar network to
describe the tissue behavior as a whole. The effect of collagen stiffening was modelled
using an exponential spring equation, and elastin was modelled using an ideal linear spring.
The Young’s modulus of individual elastin fibres is ~1 MPa [125]; however, for collagen
fibres, different values have been reported in the literature, for example, the total stretch
modulus of type-I collagen fibres for mineralised turkey tendons has been reported with
values of 300-500 MPa [126], and 160 MPa, and 1,660 MPa were reported for newborn
and mature pig digital tendons, respectively [4]. In our model, the value of the Young’s
modulus for the elastin was calculated at around 0.2 MPa, and for collagen, at 50%
extension, was calculated at around 56 MPa. The difference between the model values and
the experimental values can be explained by the interplay between the elastin and collagen
fibres. The interaction of these two fibres was mediated via the surrounding matrix, these
were all modelled as independent components in the model and the model is unable to
account for the enzymatic crosslinking of the fibers. Also, the experimental results in
Chapter 3 depicted that other damages occurs after enzymatic degradation. In addition, the
contribution of lung cells and surface tension on the mechanical properties of the lung were
not included in the current model; however, the main pathway of stress transmission is
through the ECM [52]. Moreover, the effect of surface tension is negligible as the uniaxial
stretch experiments are typically performed in liquid.
In this model, there are in total of six parameters, including the diagonal element stiffness,
to be estimated. Different methods can be used to determine these parameters. For
example, all these parameters can be found simultaneously using the cited experimental
measurement in Figure 4-4. Although this method might result in a better fit of the stressstrain curve, the resultant set of parameters would not express the effect of individual
fibers. Therefore, the alveolar viscoelastic properties were first modelled based on the
characteristic of collagen and elastin fibers and the surrounding matrix. Then the parameter
for the diagonal elements was determined using sensitivity analysis. The rationale for
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parameterising the S4 value, was very different to the rationale for defining the alveolar
wall parameters used in the model (S1, S2, S3, a, D). While the alveolar wall parameters
were found following fitting to the data of [112, 113], where the stretch was taken up to
50%, the S4 value on the other hand was obtained post-hoc. The prime purpose of including
the S4 parameter was to stabilise the network and prevent it from collapsing inwards while
the stretch was simulated. Unfortunately, there is little that one can derive from the
existing uniaxial experiments on this internal compressive resistance. Hence, we chose the
experimental data point at 30% strain to determine the S4 value. Another limitation of this
model was comparing the results with different stress-strain curves for other species. Due
to the lack of information on the human lung stress-strain curve, the present model was
compared with different experimental stress-strain curve for other species. However, a
large variation was observed in these experimental measurements (Figure 4-5). The
variation between these measurement were due to the use of different species and loading
conditions as explained by Rausch et al. [15]. And possibly because of variability in the
number of airways and vessels which is discussed in Chapter 5.

In this chapter, a two-dimensional spring network model was developed to represent the
viscoelastic properties of the ECM of lung parenchymal tissue. This model can account for
the impact of alterations in the major ECM constituents (collagen, elastin and surrounding
matrix) and of alveolar geometry on resultant viscoelastic mechanical properties. The
model represents individual alveolar wall mechanical properties and links this into a
network to simulate the properties of ECM within a parenchymal-like arrangement.
Uniaxial stress-strain simulations were performed to determine the bulk tissue strip
mechanical behavior, including the stress-strain and stress-relaxation properties within
individual alveolar walls. Both the stress-strain curve and the stress-relaxation response of
the model were compared against experimental data (Figure 4-4). Model predictions,
simulating normal ECM tissue, showed good agreement with measured data.
The impact of variation of the ECM constituents on relaxation and stress-strain properties
was investigated (Figure 4-6). Reduction of the volume fraction of any one of the three
components resulted in a decrease of the stiffness of the tissue, although this reduction was
only observed at higher strain after removing collagen. However, in an experimental study
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by Yuan et al. [11], it was shown that after digesting collagen, the stiffness of the tissue
decreased even at lower strains. The reason for this contradiction can be explained by the
interaction between elastin and collagen fibres. These two fibres are entangled, and the
interaction between them is mediated via the surrounding matrix. Also, evidence of a
possible cross-link between these two fibres has been reported by Muiznieks and Keeley
[129]. Hence removing collagen will undoubtedly affect the elastin structure and resultant
response leading to a decrease of the stiffness of the whole tissue even at lower levels of
strain. In the present model, elastin, collagen, and surrounding matrix were modelled as
independent components; therefore, after removing collagen, reduction of stress was only
observed at higher strain values.
At higher strain, the results of elastin digestion are in agreement with that of Yuan et al.
[11], which showed that elastin shifts the curve to the right even at higher strain. The reason
lies behind the hexagonal network structure; the strain on the elements inside the network
is variable, so some experience lower strain than the strain applied on the whole network.
The variation in strain within the elements inside the network was also observed in the
stress distribution in Figure 4-5b. Consequently, elastin still dominates the properties in
those elements even when the higher strain was applied to the whole network.
One important aspect of the present model is inclusion of the contribution of the
surrounding matrix using Maxwell elements. Due to the parallel arrangement of the
surrounding matrix with elastin and collagen, the surrounding matrix is a vital contributor
to the mechanical response of the tissue (Figure 4-6e, f) when the whole tissue is strained.
The impact of the surrounding matrix in the mechanical response of the lung tissue has not
been explicitly included in previous network models [81, 106, 121]. This contribution
accounts for the gel-like ground substance that is composed of water and
glycosaminoglycans (GAGs) and mediates the interaction between elastin and collagen.
The parameters of the Maxwell element, S3, and D, were tuned to fit the experimental
relaxation response of [112, 113]. However, using the Maxwell element leads to an initial
concavity of the stress-strain curve.
The results of relaxation after reducing the volume fraction of the components show that
elastic fibres also contribute to the relaxation properties. Reducing the volume fraction of
the elastin or collagen resulted in a decrease in the stiffness of the alveolar wall;
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consequently, the contribution of the surrounding matrix in the mechanical properties of
the tissue was increased as evidenced by increased relaxation (Figure 4-6b, d). As a result,
the network becomes more viscous. Also, when the alveolar walls become weaker, the
arrangement of the hexagons during relaxation was altered. This alteration in alveolar
shape was previously reported after elastase digestion in mouse lung tissue [94]. The
alveolar aspect ratio before and after digestion of elastin was measured, and it was shown
that after decreasing the amount of elastase in the tissue, the aspect ratio increased.
Some diseases are associated with increasing fibres; for example, the volume fraction of
collagen was reported higher in fibrosis than healthy lung tissue [102]. An example of the
effect of an increase in the volume fraction of elastin and collagen was simulated, and the
result on the stress-strain curve was presented in Figure 4-6a, and b. Both increasing elastin
and collagen increased the stiffness. The impact of this increase on the relaxation shows
that an increase in volume fraction of elastin and collagen increases the elasticity of tissue
(less viscous) (Figure 4-6 c and d).
Another aspect of this model was this addition of diagonal element to stabilise the network.
Stabilising the hexagonal network was first suggested by Cavalcante, Ito [106] by adding
angular force to the network elements. They also showed the angular force contributed to
the mechanical properties of the tissue and represented the role of PGs in the lung tissue.
In a more recent study, Takahashi, Majumdar [94] modelled a five spring system and
showed the effect of PGs by using diagonal element on the mechanical properties of the
lung. Both models were able to show the effect of varying the stiffness of PGs on the tissue
stiffness as a result of altering tonicity conditions. In the present model, modelling these
elements as diagonal elements enabled us to use a two-dimension stiffness matrix and
reduced the size of the stiffness matrix. Using the stiffness matrix method makes the
computational cost much lower than the annealing method, which was used by Cavalcante,
Ito [106]. Increasing the stiffness of the diagonal elements resulted in an increase in
stiffness of the tissue (Figure 4-6g). This is in agreement with the results of these previous
models [94, 106]. Finally, it should be mentioned these elements are not PGs in the ECM
but only mimic the effect of PGs to stabilise and to resist the alveoli from collapsing.
Hence, these elements do not have any specific value that can be compared with, and
therefore parameter sensitivity was used to find the best fit for their value.
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As explained, geometric heterogeneity was introduced to the model by randomly
displacing model nodes within the hexagonal network to represent the realistic alveolar
structure. It has been shown that the considerable heterogeneity of alveolar size affects the
homogeneous mechanical behavior of lung units and the whole organ through a concept
known as percolation [4]. One finding of this study was that increasing the heterogeneity
of alveolar size increased the stress distribution within the network elements. While the
healthy lung alveolar sizes are generally similar, the introduction of size changes in the
lung, could result in a disproportionately larger biomechanical effect. Alteration in the
pattern of alveolar size can be caused by lung diseases such as emphysema [130], or even
exposure to pollution that decreases the alveolar number and creates enlarged alveolar
spaces in the early stages of lung development [131]. There is no technique to decipher the
stress on individual alveolar walls. The current model provided us with the stresses acting
on individual elements (or alveolar walls, Figure 4-5b) within the lung parenchyma unit.
We have shown that altering the heterogeneity from its physiological condition of alveolar
size distribution resulted in a disruption, meaning an increased heterogeneity, of stress
distribution within the lung. This disruption creates higher stresses in some alveolar walls
which could increase the likelihood of breakdown of some alveolar walls [132].
In summary, this chapter developed a new viscoelastic network model that can predict the
mechanical properties of lung parenchyma with different alterations of the ECM, which
can be used to mimic tissue changes due to remodelling in various respiratory diseases.
The alveolar wall properties were modelled using a three-element spring-dashpot system
and extended into a hexagonal network model. This model has been developed with the
capability to adjust model properties, including alveolar geometry, ECM composition, and
mechanical properties of ECM components. The model created in the present study was
intended to mimic the response of actual lung tissue length-tension relationships [112,
113]. In these experimental studies a standard material testing protocol was used where an
in-plane stretch was applied to tissue and a uniaxial response measured. Hence the quasistatic mechanical test of the experiment was largely two-dimensional, and the structure
was assumed to be transversely isotropic. However, careful consideration and further
development would be required to use this model in a three-dimension network.
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This chapter examines the impact of stiffened airway on the stress distribution of the alveolar
network.

The interplay between an
airway and alveolar network

This chapter is based on the following publication (currently under review for
publication):
Iravani, A., Thambyah, A., & Burrowes, K. S. (2020). Stress distribution in lung
parenchyma following biaxial strain application is influenced by the presence and
stiffness of an airway – findings from a novel network tissue model. Biomechanics and
modelling in mechanobiology.
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Chapter preface
Understanding the effect of airway wall stiffening on lung parenchyma is of importance to
understanding the progression and pathology of airway-associated diseases. Normal
stiffness of the airway wall plays an important role in maintaining airway dimensions and
the stress distribution in the parenchymal tissue. Increased airway wall stiffness, resulting
from airway remodelling, reduces airway dimensions and may lead to distortion of the
stress distribution in the surrounding parenchyma. In this chapter, we used the model
developed in Chapter 4 to simulate the impact of increased airway stiffness on the airway
lumen area and stress distribution in the adjacent alveolar network. Results indicate that an
increase in airway wall stiffness from 200 kPa (considered normal) to 1000 kPa resulted
in a 45% reduction in airway resistance at 35% biaxial strain. When the number of airways
in the simulated lung tissue strip increased from one to nine airways, the required stress at
35% biaxial strain increased. Furthermore, increasing the airway stiffness led to increased
stresses being exerted on the adjacent alveolar network, hypothesised to increase the
likelihood of breakage of the alveolar wall. Emphysematous degradation was simulated by
preferentially removing alveolar walls experiencing the highest stresses. Results
demonstrated loss of alveolar walls around the airway initially leading to a reduction in the
area of the airway. In more extreme cases with stiffer airways, all alveolar walls
surrounding an airway were removed. This would result in a loss of tethering around the
airway and may explain small airway obliteration in chronic obstructive pulmonary
disease.

The lung is a highly mechanically interdependent organ consisting of a branching tree of
airways, arteries, and veins surrounded by a volume-filling meshwork of alveoli. The
strength of the mechanical connection between the airways and the adjacent alveoli is an
important key in investigating material properties of lung tissue as well as the change in
airway lumen area. During breathing, the alveolar network undergoes lateral strain due to
the forces exerted by the diaphragm and the intercostal muscles. This stress transmits
through the alveolar network and keeps the airway lumen open. In a healthy lung, the
airway wall stiffness and stress distribution within the adjacent alveolar network are the
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determinants of the airway lumen area. Hence, alteration in alveolar network or airway
wall remodelling leads to a change in the airway lumen area.
Airway remodelling refers to the structural changes in both small and large airways and is
typically characterised by alterations in the airway wall thickness and compliance. These
changes are due to alteration of airway epithelial cells and, in some cases, airway smooth
muscles and the extracellular matrix (ECM) within the airway walls [133]. Epithelial cells
initiate the inflammatory process that eventually results in structural changes in the airways
[134]. In chronic obstructive pulmonary disease (COPD), this inflammation is found in the
small airways and results in irreversible airflow obstruction. The airflow restriction in
asthma is predominately in larger airways and is typically reversible [135]. These structural
changes cause thickening of the airway wall and resultant airway wall stiffening and may
lead to impairment of lung function. It has been suggested that there is a link between
airway remodelling and emphysema in COPD patients [136]. McDonough et al.
demonstrated that narrowing and loss of terminal bronchioles preceded emphysematous
destruction in tissue samples from patients with COPD [136]. However, it is still not
completely understood whether the airway remodelling initiates the emphysema or the
emphysematous tissue contributes to airway narrowing and obstruction of the airways [39].
We hypothesise that airway remodelling will lead to increased local stress regions in
alveolar walls surrounding impacted airways. It is difficult to establish the interplay
between airway remodelling and parenchymal tissue changes using experimental methods
alone, such as histology or computed tomography, as these only provide a static measure
of the lung structure. Computational models provide a way to probe the dynamic system
and to increase our understanding of the interplay within this system during disease.
Previous physiological modelling studies have investigated the impact of airway
remodelling on airflow patterns and force propagation using models representing a
functional unit of the lung, that is a unit of gas exchange including a terminal airway and
surrounding alveoli [16, 137]. Most previous modelling studies have represented the
alveolar parenchyma geometry as a homogenous structure. However, it has been shown,
through histological studies, that the parenchyma has heterogeneity in the size and number
of the alveoli [117] and also in composition of ECM [70]. Such heterogeneity, when
modelled, would influence the overall stress distribution when the tissue is subject to
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external macro-scale stresses. Furthermore, how an airway within such a heterogeneous
network influences the stress distribution would depend on the interplay between the
airway wall stiffness and heterogeneity in the structural and material properties of the
alveolar network. It has previously been shown that heterogeneity in the material properties
of alveolar walls has minimal impact on force propagation for the airway narrowing [53];
however, the effect of alterations in the stiffness of the airway has not been considered.
This raises the question of whether airway stiffening in a functional airway unit, given a
prescribed heterogeneity in alveolar wall mechanical properties or heterogeneity in
alveolar geometry, influences the stress distribution in the alveolar tissue.
In this chapter, the 2D spring-dashpot hexagonal network model in Chapter 4 was extended
to include a single airway. A biaxial strain test was simulated by applying external stress
to the two sides of the lung tissue model. The impact of airway wall stiffness and the
heterogeneity of alveolar wall mechanical properties on the airway lumen and resultant
tissue strip stress-strain properties was investigated. In addition, emphysematous
degradation was simulated by removing alveolar walls experiencing the highest stresses.

In this chapter, the developed model in Chapter 4 was extended to include the capability
of applying biaxial strain and to include airways within the alveolar network.
5.2.1 The geometric model
The geometry of the model was altered from the model in Chapter 4 to a square shape. In
the current model, some hexagons in the centre of the network were removed and a small
dodecagon was built inside this network to represent an airway. The mechanical properties
of the airway wall were modelled using an ideal spring as shown in Figure 5-1.
Heterogeneity in the alveolar size and shape was introduced to the hexagonal network. The
details of introducing heterogeneity were presented in Chapter 4 in section 4.2.1. To
summarise, nodes were moved by a random amount between zero to a percentage of the
length of the elements of the hexagons, such that the variation in the alveolar area was
similar to the alveolar area in the real lung [117]. The airway nodal positions were kept
constant to maintain the circular shape of the airway. Mimicking the tissue as a hexagonal
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network is required for stabilisation. One way to stabilise a hexagonal network is to add
cross-elements.

Figure 5-1. The model network structure representing a small airway (black) with surrounding
alveoli (blue). The blue elements represent individual alveolar walls, and consist of three components
(shown on the right): a linear spring to represent the effect of elastin (S1), an exponential spring to
represent collagen (S2), and a spring-dashpot to represent the surrounding matrix (S3, D). To
control their finite shear moduli, diagonal elements were added (orange, S4). The airway wall was
modelled using an ideal spring with spring constant S5 (black colour). Note, diagonal elements are
hidden for clarity.

5.2.2 The mechanical model
The ECM components were represented within each individual alveolar wall. The stress
response of elastin was represented using a linear spring, collagen was modelled using a
nonlinear exponential spring, and the surrounding matrix was modelled using a Maxwell
component and provided viscoelastic properties to the model. The PGs which are
represented as cross-elements are included to stabilise the network. The response of the
alveolar wall element as a whole was determined using a weighted summation of the three
ECM components. The following equation was summarised from Chapter 4 to represent
the stress-strain relationship within each element of the network. The mechanical
properties of the airway wall were also added as an ideal spring:
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𝜎𝑇 = 𝜐𝑒 𝜎𝑒 + 𝜐𝑐 𝜎𝑐 + 𝜐𝑚 𝜎𝑚 = 𝜐𝑒 𝑆1 𝜀 + 𝜐𝑐 𝑆2 𝑒 𝑎𝜀 𝜀 + 𝜐𝑚 𝑆3 𝜀𝑚

(5.1)

𝜎𝑃 = 𝑆4 𝜀,

(5.2)

𝜎𝐴𝑤 = 𝑆5 𝜀,

(5.3)

where 𝜎𝑇 is the total stress on each alveolar wall element and 𝜎𝑒 , 𝜎𝑐 , 𝜎𝑚 and 𝜎𝑃 are the
stresses of the elastin, collagen, surrounding matrix and diagonal (proteoglycan) elements
respectively. In Equation 5.3, 𝜎𝐴𝑤 is the stress on the airway wall. 𝜐𝑒 , 𝜐𝑐 and 𝜐𝑚 are the
area fractions of the elastin, collagen and surrounding matrix respectively. S1, S2, S3, S4 and
S5 are the spring constant of the elastin, collagen, surrounding matrix, diagonal elements
within alveolar hexagons and airway walls. 𝜀 is the strain on the element and 𝜀𝑚 is the
strain on the spring part of the Maxwell element. In Chapter 4, the parameters of the model
were tuned such that the response of the model to uniaxial stretch of the network was in
the range of experimental measurements; more information can be found in Chapter 4 in
section 4.3.1. The airway properties were estimated to have a Young’s modulus of 200
N/cm2 determined by calculating the slope of the experimental stress-strain curve of the
small airways from a previous experimental study [138]. The reason that the Young’s
modulus is too high is that it is derived from the slope of the curve at the higher strain. This
value was used as the spring constant of the airway wall elements (S5). The parameters of
the model were determined in Chapter 4 and presented in Table 4-1.
The values of the total strain applied to the lung were approximated by the following
equation:
Strain = (

𝐹𝑅𝐶+𝑇𝑉 0.33
)
𝑅𝑉

−1

where we assumed the following average values for normal-sized persons
Residual volume (RV) = 1,200 mL
Tidal volume (TV) = 500 mL
Functional residual capacity (FRC) = 2,400 mL
Therefore, the value of strain can then be calculated as:
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Strain = (

𝐹𝑅𝐶+𝑇𝑉 0.33
)
𝑅𝑉

− 1 = 0.34 𝑜𝑟 34%.

We have used a strain value of 35% for our simulations.
Each breath includes inhalation and exhalation; therefore, the strain rate is estimated by
the slope of the amount of strain in the tidal volume over the half time of one breath. This
gives us the following equation:
𝐹𝑅𝐶+𝑇𝑉 0.33

Strain rate = ( (

𝐹𝑅𝐶

)

1

− 1) /(2×Number of breaths per min)

where the number of breaths per minute is about 12 to 16 for a normal adult. Taking the
average number of breaths to be 14, the strain rate was calculated as 180% / min.
Biaxial strain was simulated in this model by applying equal strain to two sides of the
alveolar network with a strain rate of 180%/min. For each time step, 0.01 s, the amount of
displacement was calculated based on the strain rate. The nodes on the bottom and right
sides of the network were kept constant, and the nodes at the top and right sides of the
network moved in the X- and Y-directions, respectively. The simulation was continued
until a maximum of 35% strain was reached on the whole network. At the end of each time
step, the position of the nodes within the network was calculated using the stiffness matrix
method, and the stress exerted on each element within the network was calculated. The
stress results were reported when the network reached 35% strain and before it relaxed.
Therefore, the results are attributed to the viscoelastic properties of tissue.
To assess the impact of the change in airway wall material properties on the airway’s
8𝜂𝑙

resistance, the Hagen–Poiseuille equation, 𝜋𝑟 4 , was considered. Since the network is two
dimensions, the ratio of the airway’s resistance at 35% strain to the airway’s resistance at
0% strain was reported.
5.2.3 Application of the model
Initial simulations focussed on the impact of airway wall stiffness. To do this, the spring
constant of the airway wall in Equation 5.3 was altered. Due to the lack of information
regarding the mechanical properties of the airway wall in lung disease, the arbitrary
stiffness values of 500 kPa and 1000 kPa were used.
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Heterogeneity in the mechanical properties of the alveolar wall was introduced by altering
the collagen-to-elastin volume fraction ratio (𝜐𝑒 /𝜐𝑐 ). The collagen-to-elastin ratio was
considered to be 0.8 in healthy lung tissue [102]. Heterogeneity in alveolar mechanical
properties refers to the maximum percentage that collagen-to-elastin can be varied for each
of the elements within the network. In the case of a heterogeneity of 10%, this means that
the collagen-to-elastin ratio for the alveolar elements is a random number from 0.72 to
0.88, and a heterogeneity of 20% means that the collagen-to-elastin ratio for the alveolar
elements is a random number from 0.64 to 0.96.
An increasing number of airways were modelled inside the network to investigate the
effect of the number of airways on the stress distribution on the adjacent alveolar network
and airway lumen area. The network with the same size was updated to include two to nine
airways, and the airway wall stiffness was altered from 200 kPa to 500 kPa and 1000 kPa.
Simulation of the tissue destruction in emphysema was performed by diminishing the
alveolar wall elements with the highest stress at 35% strain. The network was first stretched
to 35%, then the elements that experienced a stress higher than 60 kPa within the network
were identified. These elements, from the original configuration of the network at 0%
strain, were diminished to ideal springs with a spring constant of 0.01 kPa and the updated
network was then stretch to 35% strain. At the next step elements that experience a stress
higher than 55 kPa within the network were identified and diminished. This procedure was
repeated for a stress threshold of 45 kPa and 35 kPa. For further details of this tissue
destruction method see appendix (section A.5). This procedure of using marginal stress
was previously suggested by [59].

5.3.1 Effect of airway stiffening
The simulated stress distribution within the alveolar network after applying 35% biaxial
strain is illustrated in Figure 5-2a. A colour spectrum is used to represent the stress
distribution, with higher stresses illustrated in red and lower stresses in green. Increasing
the stiffness of the airway wall elements led to an increase in the number of elements with
a high value of stress within the surrounding parenchyma (Figure 5-2b). Analysing the
stress distribution of the surrounding alveolar network shows that increasing the airway
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wall stiffness from 200 kPa to 500 kPa increased average stress of the alveolar elements
from 17.2 kPa to 18.1 kPa (or 5%). Further increase in the airway wall stiffness to 1000
kPa led to an increase in the stress of the surrounding parenchyma by an additional 2%.
This increase is noticeable within the elements connecting the surrounding parenchyma to
the airway (Figure 5-2b).

Figure 5-2. Illustration of the stress distribution within the network model after stretching to 40%
biaxial strain. Subfigures a) and b) demonstrate the impact of increasing the airway wall stiffness
from 20 N/cm2 to 100 N/cm2, respectively, on stress distribution and airway lumen area. Increasing
the airway wall stiffness leads to a decrease in the area of the airway and to an increase in the stress
within the surrounding parenchyma. The values of stress are indicated in the colour spectrum –
green is the lowest value, and red is the highest value. The blue dashed line in b) indicates the
dimensions of the airway lumen when the airway wall stiffness was 20 N/cm 2.

Increasing the airway wall stiffness also led to an increase in the standard deviation of the
stresses on the alveolar elements. Standard deviation was calculated as 10 kPa, 11.3 kPa
and 12.5 kPa for the network with the airway stiffness 200 kPa, 500 kPa and 1000 kPa. In
addition, analysis of stresses demonstrated that the maximum stress on the elements was
increased from 70.5 kPa to 75.7 kPa and 78.2 kPa for the network with airway stiffness
200 kPa, 500 kPa and 1000 kPa respectively, see Table 5-1.
Table 5-1. Stress distribution within the elements in the alveolar network.

Airway wall stiffness (kPa)

Average stresses on
elements (kPa)

Highest stress on the element
(kPa)

200

17.2 ± 10.0

70.5

500

18.1 ± 11.3

75.7

80

The interplay between an airway and alveolar network
1000

18.4 ± 12.5

78.2

Figure 5-3a shows the change in ratio of the airway resistance after 35% biaxial strain
normalised by the resistance of airway before strain was applied. The results for the normal
airway stiffness of 200 kPa, show a ratio of airway resistance (after/before strain was
applied) of 2.2. The ratio decreased to 1.4 and 1.2 in response to stiffening the airway walls
to 500 kPa and 1000 kPa, respectively, indicative of a smaller expansion of cross-sectional
areas in the presence of stiffer airway walls. Analysis of stress in the X-direction and Ydirection showed an increase in required stress for 35% biaxial strain in both directions
(Figure 5-3b).

Figure 5-3. a) Ratio of airway resistance after stretching the network to 35% normalised to the
airway lumen resistance before stretching the network. The airway resistance decreased when the
airway wall stiffness increased. b) Simulated total stress values for the network model at 35% strain:
dashed line shows the stress in the X-direction and solid line shows stress in the Y-direction.

5.3.2 Effect of heterogeneity in alveolar wall size and ECM components on the
airway lumen area
Heterogeneity of the mechanical properties of each alveolar wall was included by altering
the composition of the ECM in each alveolar wall, as described in the methods. The
resultant change in the airway lumen area was calculated at 35% biaxial stretch and is
presented in Figure 5-4. Increasing the heterogeneity in the alveolar wall mechanical
properties had a minimal effect on the airway lumen area; the airway resistance ratio was
calculated as 2.13 for 80% heterogeneity and 2.21 for a uniform alveolar network (0%
heterogeneity). A similar trend was observed for increasing the heterogeneity in alveolar
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geometry. The ratio of airway area after the stretch to the airway area before stretch was
2.12 for a uniform alveolar network, and this ratio decreased slightly to 2.05.

Figure 5-4. Assessing the impact of alveolar heterogeneity on the change in airway resistance during
application of 35% biaxial strain. Results demonstrate the impact of increasing the heterogeneity in
alveolar geometry and increasing the heterogeneity in the alveolar mechanical properties (via the
collagen-to-elastin ratio). Ratio of airway lumen area before stretch to the airway resistance after
stretch remains relatively constant.

5.3.3 Effect of number of airways
The change in the alveolar network stress-strain properties upon the addition of two, five
and nine airways with airway wall stiffness of 200 kPa is illustrated in Figure 5-5. Details
of the resultant stress distribution after stiffening of the airway wall for the three alveolar
networks in Figure 5-5 are shown in Table 5-2. When the number of airways increased,
the average stress on the elements increased from 18.0 kPa to 18.2 kPa and 19.5 kPa for
the network with two, five and nine airways, respectively. In a network with two airways,
increasing the airway wall stiffness from 200 kPa to 500 kPa and 1000 kPa increased the
average stresses on the elements by 3% from 18.0 kPa to 18.5 kPa and by 13% to 20.3 kPa.
Increasing the stiffness of airways had a higher impact on the average stress when there
was a higher number of airways in the network. Stiffening the airway wall from 200 kPa
to 500 kPa and 1000 kPa increased the average stress by 13% and 86% from 18.1 kPa to
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20.4 kPa and 33.7 kPa. For the network with nine airways, average stress increased by 38%
and 136% from 20.4 kPa to 33.7 kPa and 19.5 kPa when the airway wall stiffened from
200 kPa to 500 kPa and 1000 kPa.

Figure 5-5. Illustration of impact of increasing the number of airways on the alveolar network, a)
two airways, b) five airways and c) nine airways. Stress on the elements of the network increased
when the number of airways increased. The values of stress are indicated in the colour spectrum –
green is the lowest value, and red is the highest value.

The maximum stress and the average stresses on the element increased by increasing the
number of airways in the network (Table 5-2). When the airway wall stiffness was 200
kPa, increasing the number of airways, from two to five, increased the standard deviation
of stress by 1.3% and the maximum value of stress by 3%. When a higher number of
airways was included in the network, the airway wall stiffening had a larger impact on the
maximum stress and standard deviation of stresses. The standard deviation increased by
77% after the airway wall was stiffened from 200 kPa to 1000 kPa in a network with nine
airways compared to a 10% increase in the network with two airways.
It should be noted that the pattern of the airway within the network might not be realistic
and requires micro CT-scan images. Figure 5-5a (two airways) may represent the best of
the distribution of the airways. The pattern for a greater number of airways are
representative of a hypothetical scenario that could show the impact of varying the airways'
density.
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Table 5-2. Stress distribution on the elements of the alveolar network with an increase in the number and stiffness
of airways within the network.

Number
of
airways
2

5

9

Airway wall
stiffness (kPa)

Average stresses on
elements (kPa)

Highest stress on the
element (kPa)

200
500
1000
200
500
1000
200
500
1000

18.0 ± 13.7
18.5 ± 14.8
20.3 ± 15.15
18.2 ± 12.3
20.4 ± 18.4
33.7 ± 25.0
19.5 ± 14.3
26.9 ± 20.9
46.2 ± 25.4

71.3
72.2
73.4
76.7
93.3
130.1
78.7
118
202.6

The stress required in the X-direction and Y-direction to stretch the network by 35% biaxial
strain is shown in Figure 5-6. When the airway wall stiffness was 200 kPa, additional
airways in the network had a small impact on the stresses in both X-direction and Ydirection. An increase in airway wall stiffness from 200 kPa to 500 kPa increased the
required stresses in both X-direction and Y-direction by 50% for the network with two
airways and by 105% for the network with nine airways. As can be seen in Figure 5-6,
further stiffening of the airway walls from 500 kPa to 1000 kPa led to an additional increase
in the required stresses in both X-direction and Y-direction.
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Figure 5-6. Required stress for 35% biaxial strain in X-direction and Y-direction increased by
increasing the number of airways. Stiffening the airway wall had a higher impact on the required
stress when the number of airways increased. Lines show the required stress in X-direction and Ydirection for the network with airway stiffness of 200 kPa, 500 kPa and 1000 kPa respectively.

The behaviour of the airway lumen resistance after stretching normalised to the airway
resistance before stretching, upon stiffening the airway wall and increasing the number of
airways, is illustrated in Figure 5-7. Stiffening of the airway wall resulted in a decrease in
the airway resistance and the impact of this reduction was larger when there was a smaller
number of airways in the network. However, increasing the number of airways had a minor
impact on airway lumen area when the airway wall stiffness was 200 kPa.
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Figure 5-7. The average ratio of airway resistance in the alveolar network after stretch (40% strain)
normalised by the resistance of the airway before the stretch (0% strain). The ratio increased by
increasing the number of airways. Stiffening of the airway had a higher impact on decreasing the
airway resistance when the number of airways increased. Error bars on the graph indicate the
standard deviation in the airway lumen area within a network. Lines show the ratio of airway
resistance after stretching normalised to airway resistance before stretching for the network with
airway stiffness of 200 kPa, 500 kPa and 1000 kPa respectively.

5.3.4 Simulation of detachment of the airway from parenchyma representing
emphysema
To demonstrate the potential impact of alveolar wall degradation in emphysema,
emphysematous tissue was simulated by removing the elements that experienced the
highest stress value shown in Figure 5-8. This removal was based on the assumption that
alveolar walls experiencing higher stresses are more likely to rupture. Deformation in the
airway lumen shape and an overall reduction in the cross-sectional area in emphysematous
tissue were observed. A change in airway dilation in emphysematous tissue was previously
reported [139]. After diminishing the network elements experiencing a marginal stress
level higher than 60 KPa, a deformation in the airway lumen shape initiated. This
deformation was due to the removal of the elements around the airway. However, this
deformation was more visible in a network with a stiffened airway.
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While the progression of emphysema in a network with an airway wall stiffness of 200
kPa began from the centre of the network and expanded through the other parts of the
network, in the network with an airway wall stiffness of 1000 kPa, the progression of
emphysema was heterogeneous and several small holes in proximity to the airway
appeared before the whole tissue ruptured. In the network with airway wall stiffness of 200
kPa, although the airway lumen shape deformed after elements experienced a stress level
higher than 45 kPa, the airway was still attached to the alveolar network. For the network
with airway wall stiffness of 1000 kPa, the airway detached entirely from the network and
the elements experiencing a stress level higher than 45 kPa were removed. The difference
between airway resistance is also demonstrated in Figure 5-9a, where the airway resistance
ratio decreases to 1.5 and 1.1 for the network with airway wall stiffness of 200 kPa and
1000 kPa, respectively. Additional removal of the elements led to a further decrease in the
airway resistance for the network with airway wall stiffness of 20 kPa, while for the
network with airway wall stiffness of 1000 kPa, the airway resistance ratio remained at
1.0, which indicates a complete detachment from the alveolar network.

Figure 5-8. Illustration of progression of emphysema in a unit function of alveolar network with one
airway a) in presence of normal airway wall: airway deformation started after the elements
experience a stress higher than 60 kPa were removed from the network, the airway is still attached
to the alveolar network after the elements experience a stress higher than 35 kPa were removed from
the network; b) in presence of stiffened airway walls: airway deformation started right after the
elements experience a stress higher than 60 kPa removed and it separated from the network after the
elements experience a stress higher than 45 kPa removed elements removed from the network. The
maximum stresses of the networks are presented in Figure 5-10. The values of stress are indicated in
the colour spectrum – green is the lowest value, and red is the highest value.
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After elements that experience a stress higher than 60 kPa were removed from the network,
with the airway having normal airway wall stiffness and the network having an airway
wall stiffness of 1000 kPa, the required stress decreased to around 28 kPa and 21 kPa in
the X- and Y-directions, respectively, as indicated in Figure 5-9b. When the elements that
experienced a stress higher than 55 kPa were removed, less stress was required to stretch
the network with the stiffened airway wall compared to the network with the normal airway
wall. This is due to a higher number of elements being removed from the network of the
stiffened airway wall, and the value of the Young’s modulus reduced more than that of the
normal network.

Figure 5-9 a) Ratio of airway resistance after stretch normalised to the airway resistance before
stretch decrease after removing the elements with the highest stress in the network, the ratio in the
network with stiffened airway decreased rapidly after the elements experience a stress higher than
60 kPa removed from the network. b) the required stress in X-direction and Y-direction decreased as
elements were removed.

The maximum stress on the network and the average stress value are shown in Figure 5-10.
After the elements experiencing a stress higher than 60 kPa were removed, the average
stress value in the network with airway wall stiffness of 200 kPa was 28 kPa. When a
stiffer airway was included, with an airway wall stiffness of 1000 kPa, the average stress
was 30 kPa. The average stress value decreased for both networks until the tissue started
to rupture after elements experiencing a stress higher than 35 kPa were removed. Analysis
of the maximum stress value showed a similar trend. After removing elements
experiencing higher stress than 55 kPa, the average stress of the network with stiffened
airway wall fell below the average stress of the normal network.
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Figure 5-10 This plot shows the maximum (peak) and average stress within the network model
plotted as a function of the number of alveolar wall elements removed. The average stress and the
maximum stress decreased after removing elements experiencing highest stress in the network. The
error bars represent the standard deviation of the stress of the elements.

In this study, a hexagonal network model was used to investigate the relationship between
airway wall mechanics and the stress distribution within the surrounding lung parenchyma.
Airways were embedded within the hexagonal network model, where each hexagon
represents an alveolus. The impact of the number of airways and the stiffness of the
airways’ walls on the stress-strain properties in the tissue was studied. The mechanical
properties of each alveolar wall are represented by a combination of the mechanical
properties of collagen, elastin and the surrounding matrix allowing manipulation of the
ECM composition. A biaxial strain of 35% was applied to the model to mimic the dynamic
behaviour of the lung parenchyma. The main findings were that (1) the resultant stress
distribution within the alveolar walls remained consistent with increasing heterogeneity in
alveolar material composition (collagen-to-elastin ratio) and geometry, (2) increasing the
airway wall stiffness from 200 kPa to 1000 kPa restricted the opening of the airway lumen
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area by 45% and, (3) the stress within the alveolar walls, from an increase in the airway
wall stiffness, increased by 11%. As the number of airways in the network was increased,
increasing airway wall stiffness had an exaggerated effect on these outcomes.
To put the findings in context of what was expected versus what was found, we consider
the standard theory of elasticity applied to analysing a hole in an elastic material. Such a
theoretical analysis shows the complex stress distribution that results in stress risers near a
hole, where there is concentrated loading. In an elastic response the stress concentration is
about three times the applied uniaxial load, and two times when the load is biaxial (such
an analysis is found in any standard mechanics of materials textbook). In an inelastic
response, where there is an allowance for plastic deformation, these peak (maximum)
stresses average out, as the material deforms to accommodate the differential. The lung
tissue modelled in the present study represents a material that has both elastic and viscous
responses, and the ratio of peak stress to average stress (referring to Table 5-2) was around
4.2 ((increasing slightly from 4.1 to 4.3 as the airway wall stiffness increased). This ratio
is likely to arise from two factors. Firstly, the use of a dashpot in the model facilitates a
relaxation function that reduces any uneven rise in stresses. Secondly, as shown by
previous network models [16], the key difference between an elastic continuum model
versus a spring or network model is in the way energy of airway narrowing and the
resulting stresses in the wider matrix are mediated and distributed. Importantly, it was
shown that while qualitatively the continuum and network models show a similar pattern
of force distribution (note that the study of Ma et al [16] force units and not stresses were
used), quantitatively it was different. Comparing the response of a continuum model versus
a network model, in the latter, it was shown that the forces in the parenchyma (material)
propagate considerably farther from the airway (hole) than does in the continuum model,
leading to reduced peak forces [16]. The authors [16] utilised only springs in their network
model, and a viscoelastic response would change the actual stress magnitudes but not the
pattern of distribution. Subsequent studies using the elastic network model [53] have
investigated the influence of parenchyma heterogeneity and concluded that there was a
minimal mechanical effect, which agrees with the findings from the present study.
An important difference in the present model and that of previous network models [16, 53]
is our inclusion of an airway stiffness parameter. Previously [16, 53], by introducing
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heterogeneity in the springs of the surrounding parenchyma, the airway wall ‘effective
stiffness’ response was implied. The authors [53] showed that the total forces were more
influenced by the distribution of tethering forces surrounding the airway, such that if the
connectivity were present there would be no change. It should be noted that in that previous
model [16, 53], the applied loading was carried out by constricting the airway and
investigating the forces that arise in the surrounding parenchyma matrix (tissue). However,
in the present model, by applying biaxial strain to the tissue, we show that the airway wall
stiffness will influence (1) the size of the resulting airway lumen, and (2) the stress that
results in the tissue. However, it is the disproportionate changes that may be of interest. A
500% increase in airway wall stiffness results in a 45% reduction in airway opening, and
a smaller disproportionate increase in stress (refer to Figure 5-3). This suggests that the
energy from an applied tissue strain is borne by the material response of the airway wall
properties, as opposed to the connectivity of the tissue to the airway, albeit that stress risers
do occur around the airway as a result. This concept is illustrated when considering how
loss of connectivity is modelled (see Figure 5-8) and shows that when the airway wall
stiffness is similar to the surrounding tissue, any loss of connectivity affects the shape of
the lumen, while with an increase in the stiffness, subsequent removal of connectivity
results in stress failure of the remaining tethering.
A physiologically relevant inference is related to COPD/emphysema where there is
increased airway wall thickening and redistribution of alveolar tethering to the wall. Thus
altered peak stresses, especially in alveolar walls close to a stiffer airway, may be the
reason for the observed increased likelihood of breakdown of some alveolar walls in
emphysema [132]. Similarly, a loss of alveolar attachment and narrowing of small airway
lumen areas in COPD have been shown using micro-CT studies [140, 141], and the
simulation in the present study may suggest the mechanism in the eventual collapse of an
airway opening. Experimental data [142], in fact shows that the airway retracts from
surrounding parenchyma and narrows after the loss of tethering using enzymatic treatment.
One of the limitations of our simulation is the difference in the required stress values in
the X-direction and Y-direction, caused by the hexagonal pattern of the alveolar network.
The hexagonal pattern is the most similar structure used to mimic the alveolar network, yet
the hexagonal pattern under biaxial strain led to anisotropic mechanical properties of
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tissue. Although it has been shown that lung tissue generally displays a mechanical
behaviour that is isotropic [143], a mild anisotropic mechanical behaviour has also been
observed in some studies [144]. The significance of such anisotropy requires further
investigation. Another limitation of the current work is that the influence of airway wall
thickness was not studied. In the case of diseases, airway wall thickening has been
observed in asthmatic patients [145] and patients with COPD [146]. The effect of such
diseases, in increasing airway wall thickness, and how this can also reduce the airway
lumen area would be of interest in future modelling studies. One of the drawbacks is using
the two-dimensional model with the pin joint nodes. This problem can be solved if the pinjoint node is replaced with a welded joint. Moreover, this will finally eliminate the use of
diagonal elements to stabilise the network. A three-dimensional network would also help
when the goal is to determine how the airway deforms. Another limitation of the model
was using linear elastic elements for the airway wall mechanical properties. Although the
airway wall stiffness is reasonably higher in the stress-strain range than the sounding tissue,
airway wall's mechanical properties should be fitted to the experimental measurement for
a more accurate solution. This study uses airways with an approximate diameter of 1.4 mm
(representative of airways of order 1). If smaller airways were used, the stress within
individual alveolar walls would be higher but a similar pattern would be evident.
In summary, a novel application of a network model was carried out to study the influence
of airway wall material properties on the surrounding alveolar tissue. A change in
heterogeneity of the alveolar network showed only a minor impact on the airway lumen
area, however this area was found to be most influenced by the airway wall material
properties. Airway wall stiffening was also found to result in increased peak stresses in the
surrounding alveolar walls and subsequent removal of these high stress alveolar walls
resulted in a loss in tethering of the airway wall. The results provided insight into the
mechanism of airway wall collapse in emphysematous tissue where both wall stiffening
and loss of connectivity occurs.
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Conclusion
This chapter summarises the study results and recommends future research
works.

Conclusion

6

Conclusion

The goal of this study was to develop a multiscale model for lung tissue that can predict
an alteration of mechanical properties based upon a change in ECM constituents. The
developed model incorporated a novel viscoelastic network with a limited number of
alveoli. The heterogeneity in the alveolar shape and the mechanical properties of the
alveolar wall were tuned based on the existing data in the literature. An extended model,
which included a small airway, was used to investigate the mechanical interdependence of
the airway-parenchyma. In a wider context, this work can scale up to link the ECM
composition to regional and whole organ lung function.
The impact of ECM components at the tissue level was evaluated experimentally (Chapter
3) using selective digestion, removing a specific protein, and utilising the stress-strain test
on the remaining tissue. The difference between the digested samples and the control
samples revealed the mechanical impact of the ECM components. The mechanical
measurement illustrated that depleting collagen from the sample reduced the Young’s
modulus by 82.4% compared to the control samples. This value was 39.2% for elastindepleted samples and 30.2% for the PGs-depleted samples. Using imaging methods, it was
found that the digestion techniques used in this study did not achieve complete digestion
of the specific proteins. The analysis of the histology images not only showed that collagen
digestion with formic acid was not selective but that it also degraded the PGs. Moreover,
a trace of elastin content remained in the tissue after being depleted using trypsin or sodium
hydroxide. Hence, the selectiveness and the effectiveness of the digestion protocol was
discouraged with these techniques. Therefore, the results of the experimental chapter
(Chapter 3) were not used for the studies in the subsequent model development as
anticipated. Instead, published experimental measurements utilised for validation of the
model.
At the microscale, the alveolar wall’s mechanical properties are the integrated mechanical
properties of the ECM components. In Chapter 4, the mechanical properties of the alveolar
wall were modelled using a spring-dashpot configuration in which each element of the
configuration represented individual ECM components. The spring constant of the
collagen element was modelled with an exponential equation, the spring constant of the
elastin was modelled with an ideal spring, and the effect of the surrounding matrix was
modelled with a Maxwell element. The model’s parameters were found by fitting the result
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of the stress-strain curve to the literature stress-strain data. The Young’s modulus for
elastin was estimated to be 0.2 MPa, and Young’s modulus for collagen was calculated to
be 56 MPa at a 50% extension. The difference between the model’s results and the
literature values is attributed to the simplification of the interplay between the elastin and
collagen.
At the tissue level, a hexagonal network model was developed, wherein the elements of
the network represented the alveolar walls. The hypothetical cross-diagonal elements were
introduced to the model, and the parameters were estimated by a sensitivity analysis. To
investigate the impact of altering the geometric heterogeneity in the alveolar shape, the
nodes within the network were displaced from its homogenous condition. The results
demonstrated that an increase in heterogeneity creates regions with higher stresses, which
increases the likelihood of breakdown of some alveolar walls. Moreover, the impact of
altering the ECM composition of components, both increasing and decreasing the
proportion of either collagen, elastin or PGs, on the response of the tissue was investigated.
The higher impact of elastin on the tissue’s mechanical properties was observed during
lower strains. The impact of collagen was also higher in the higher strain (above 20%).
In Chapter 5, the model was further developed to include an airway so that the relationship
between the ECM and airway could be investigated. The different mechanical properties
of the airway wall elements and the alveolar network elements caused the airway to not
behave as a hole inside the parenchyma. The airway wall stiffness affected the change in
area of the airway lumen when a 35% biaxial strain was applied in the network. Increasing
airway wall stiffness led to an increase in airway resistance by reducing the size of the
airway area. The inclusion of geometric and material heterogeneity did not affect the
airway area following a biaxial strain. The stiffened airway increased the stress required to
stretch the network; this stress propagated through the network, increasing the stress on
the nearby alveolar walls. A new methodology was developed to simulate emphysema,
diminishing the element’s stiffness rather than completely removing it. The progression of
emphysema was simulated in two scenarios: 1) in a network with a normal airway wall
and 2) in a network with a stiffened airway wall. After the elements experienced a stress
higher than 40 N/cm2 were diminished, the network with the normal airway wall was
deformed but still attached to the network. However, in the network with the stiffened
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airway wall, diminishing the elements experienced a stress higher than 40 N/cm 2 resulted
in the complete detachment of the airway from the network.

The model was able to achieve success to determine the role of the ECM components;
however, there are many limitations in the mathematical modelling and the measurements
of mechanical properties. In this section, the areas for a more robust multiscale model and
for a better understanding of the role of ECM in the mechanical properties of lung tissue –
which could form future work - are provided.
Include an additional spring component for the interaction between the fibres. The current
model utilised a simple spring-dashpot configuration, and the effect of the interplay
between the fibres were neglected. This effect is shown in the parameters of the springdashpot components. To include the fibres’ interaction, an additional spring component is
suggested. Subsequently, the parameters of the model would need to be tuned.
Replace the pin-joint with a welded-joint. Currently, the model utilises the hypothetical
cross-diagonal elements for stabilising the network; however, these elements can be
removed, if the pin-joints are replaced with a welded-joint. The elements of the network
should also be replaced with a bar element with a cross-section area. Such a network may
represent more realistic mechanical behaviour of lung tissue.
Using a nonlinear dashpot. A Maxwell element is a combination of an ideal spring and
dashpot. The real viscoelastic behaviour of tissue is not linear. Hence, replacing the linear
𝑑𝜎

𝑑𝛼 𝜎

dashpot ( 𝑑𝑡 ) with the non-linear dashpot ( 𝑑𝑡 𝛼 ) may result in a more accurate response from
the relaxation.
Developing a three-dimensional model. The current model is based on two-dimensional
geometry. Mimicking the three-dimensional lung geometry using a truncated octahedron
is believed to generate a more accurate result and is a more realistic representation of the
complex three-dimensional structure and function of the lung. This geometry, however,
would require stabilisation which necessitates a further study.
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Building a hydrogel phantom model for evaluating the contribution of ECM components.
An experimental study using animal tissue requires a very precise digestion technique.
However, the current progress in tissue engineering could be utilised to develop a phantom
model with properties similar to the lung tissue. The geometry of the alveolar network can
be mimicked by introducing porosity to the hydrogel.
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Appendix

A.1. Selection of the size of the network

Different sizes of alveolar network models (17, 44, 90, 142, 252, and 348 alveoli) were
constructed, and the stress at 40% strain was plotted as a function of the number of alveoli
(Figure A-1). We found only minimal change in stress at 40% after increasing the number
of alveoli from 90 to 348. Increasing the number of alveoli from 90 to 142, decreased stress
at 40% strain by 6%. A further increase in the number of alveoli from 142 to 252, decreased
stress by only 1%. Hence, we selected a network consisting of 252 alveoli for all
simulations. Computation time for this network was approximately 5 minutes on a regular
desktop computer.

Figure A-1 Size analysis of the network model.

A.2. Selection of heterogeneity
From a default homogenous network, nine heterogeneous network scenarios were created.
Heterogeneity in the network geometry was achieved by running an algorithm that altered
the direction of an element. This algorithm required an input number that then set the
degree of alteration for the element geometry. For example, if 40% was used, that meant
the coordinates of the nodes of the element would change in value such that the distance
between the nodes is changed by up to ± 20%. However, of note is that this change is
randomly generated. Similarly, for the other input numbers, 10%, 20%, 30%, 50%, 60%,
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70% and 80%, totalling nine simulations, the heterogeneity algorithm was applied to obtain
the nine different scenarios.
For each of the nine heterogeneity scenarios the area of each hexagon was taken into
account and the standard deviation of the area noted and divided by the mean area to obtain
a Coefficient of Variation (CV%). From the plot of CV% for the nine scenarios, the
scenario that corresponded to a CV=10% was selected. The reason for this is that a
previous histological study [117] has shown that the natural variation in alveolar area is
around 10%.

Figure A-2 Heterogeneity analysis of the network model.

A.3. Selection of step time (convergence analysis)
The exact solution for the alveolar wall model and the numerical solution for three different
time-steps (18 s, 8 s, 1 s, and 0.1 s) were compared, and the results are shown in Figure A3. The curve converges to the exact solution by decreasing the time step, and at a time-step
of 1 s and 0.1 s, the numerical solution matches with the exact solution. Therefore, for all
simulations we used a time-step of 0.1 sec.
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Figure A-3 Numerical solution of stress versus time compared with the exact solution for the alveolar
wall model at different time-steps.

A.4 Constructing the stiffness matrix
For each of the elements in the network the local stress-strain relationship can be written
as:
−𝑑𝜎𝑇
1
0
0
[
] = [𝜈𝑒 𝑆1 + 𝜈𝑐 𝑆2 𝑒 𝑎𝜀 + 𝜈𝑚 𝑆3 ] [
−1
𝑑𝜎𝑇
0
0

0
0
0
0

−1
0
1
0

0 𝑑𝜀𝐼𝑥′
1
𝜈𝑚 𝑆3 𝜀1 𝑑𝑡 0
0 𝑑𝜀𝐼𝑦′
]
− ( 𝐷 ) [ ],
0 𝑑𝜀𝐽𝑥′
1
0 [𝑑𝜀𝐽𝑦′ ]
0

(A.1)

where subscripts I and J denote two nodes of one element, and 𝑥′ and 𝑦′ are the directions
in the local coordinates of the element.
Similarly, the local stress for the diagonal elements can be written as:
−𝑑𝜎𝑝
1
0
0
[
] = [𝑆4 ] [
−1
𝑑𝜎𝑝
0
0

0
0
0
0

−1
0
1
0

0 𝑑𝜀𝐼𝑥′
0 𝑑𝜀𝐼𝑦′
]
0 𝑑𝜀𝐽𝑥′
0 [𝑑𝜀𝐽𝑦′ ]

(A.2)
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The local stresses were first transformed from local to global coordinates and then added
together to obtain the global equilibrium equations for the structure which will allow us to
solve for the unknown stresses and strains.
The local stress and strain vector were transformed to the global coordinates as below: (𝜃
is the angle of the element to the global coordination):

𝑑𝜎𝑇𝐼𝑥
𝑑𝜎𝑇𝐼𝑦
𝑇
=[ 𝑚
𝑑𝜎𝑇𝐽𝑥
0
𝑑𝜎
[ 𝑇𝐽𝑦 ]

𝑑𝜀𝐼𝑥
𝑑𝜀𝐼𝑦
𝑇
=[ 𝑚
𝑑𝜀𝐽𝑥
0
[𝑑𝜀𝐽𝑥 ]

−𝑑𝜎𝑇
0
0
][
]
𝑇𝑚 𝑑𝜎𝑇
0

𝑑𝜀𝐼𝑥′
0 𝑑𝜀𝐼𝑦′
]
𝑇𝑚 𝑑𝜀𝐽𝑥′
[𝑑𝜀𝐽𝑦′ ]

(A.3)

𝑎𝑛𝑑 𝑇𝑚 = [

𝑐𝑜𝑠𝜃
𝑠𝑖𝑛𝜃

−𝑠𝑖𝑛𝜃
]
𝑐𝑜𝑠𝜃

(A.4)

These matrices were then assembled into the global stiffness matrix according to their
corresponding nodes.
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A.5 Simulation of emphysema progression
The procedure of tissue rupture was performed by diminishing the alveolar wall elements
to an ideal spring element with a very low spring constant (0.01 kPa). To do that, in each
iteration, the elements that exceed the marginal stress were recognised. Then the properties
of those elements were replaced with an ideal spring with the spring constant of 0.01 kPa.
The diminished elements are shown in black within the network at a strain 0% in Figure
A.4.

Fig A-4. The steps of simulation of removal elements: (from top left) the original network
configuration was stretched, and then the element that experienced stress higher than 60 kPa was
recognised. The elements that were replaced with a weaker element are shown in black in the
network at strain 0%. The updated network stretched to strain 35% and the elements that
experienced a stress higher than 55 kPa were recognised. This procedure was continued until all
elements that experienced a stress higher than 35 kPa were removed.
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