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ABSTRACT 

In this thesis, an integrative lumped parameter model of human cardiovascular system – Cardio – is 

presented. Adopting multiple partial models, it encompasses sarcomere mechanics, ventricular 

interaction, valve dynamics, systemic and pulmonary circuits, and coronary circulation. Systemic 

arteries have been implemented in several versions, ranging from simple windkessel models up to an 

arterial tree with 128 segments. This complex tree has been derived based on physiological 

dimensions and structure listed in literature. Chronic adaptation of heart and vessel geometry can be 

simulated. Further, implantation of IABP and connecting to ECMO circuit is supported. For this 

purpose, a simplified version of the ECMO device has been designed. 

Several simulations have been performed for both physiological and pathological scenarios. The 

results seem to be plausible, capturing well-known phenomena including the Frank-Starling law. This 

indicates further applicability of the model in research, although first, quantitative validation by a 

medical expert is desired. 

Effects of cardiac supports have been studied with respect to their settings. For IABP, the best results 

are obtained with inflation set to the dicrotic notch and deflation set right before the onset of systole. 

For ECMO, connection into ascending aorta in a pulsatile mode is superior, supposing proper timing. 

The model has been developed in the Modelica language and provides compatibility with the 

Physiolibrary framework. 

 

Keywords: Cardiovascular system modeling, heart mechanics, arterial tree, extra-corporeal 

membrane oxygenator pulsatility, intra-aortic balloon pump timing, Modelica 

 





 
 
 

 

 

 

 

 

ABSTRAKT 

V rámci této práce byl sestaven lumped parameter model kardiovaskulární soustavy – Cardio. 

Integruje v sobě některé dosavadní modely a zahrnuje mechaniku sarkomer, interakci srdečních 

komor, dynamiku chlopní i systemický, pulmonární a koronární oběh. Systemické artérie byly 

implementovány v několika verzích – od jednouchého windkessel modelu až po komplexní strom se 

128 arteriálními úseky. Tento strom je v práci odvozen podle fyziologických rozměrů a struktury 

uvedených v literatuře. V modelu je možné simulovat chronickou adaptaci geometrie srdce a cév. Dále 

je podporována implantace IABP a napojení na zařízení ECMO, které bylo k tomuto účelu ve 

zjednodušené verzi namodelováno. 

Byly provedeny simulace fyziologického stavu i několika patologií. Výsledky vypadají věrohodně a 

zřetelně demonstrují některé známé jevy včetně Frank-Starlingova zákona. Vše nasvědčuje vhodnosti 

dalšího využití modelu ve výzkumu, nejprve by však měly být výsledky kvantitativně zhodnoceny 

lékařským expertem. 

Dále byly zkoumány vlivy nastavení srdečních podpor. IABP je nejvíce efektivní při synchronizaci 

inflační fáze s dicrotickým zářezem a deflace těsně před nástupem systoly. ECMO se ukázalo vhodnější 

při zapojení do vzestupné aorty v pulzatilním módu. 

Pro vývoj byl použit jazyk Modelica za vytvoření kompatibility s knihovnou Physiolibrary. 

 

Klíčová slova: Modelování kardiovaskulárního systému, srdeční mechanika, arteriální strom, 

pulzatilita mimotělního oběhu, časování intraaortální balónkové kontrapulzace, Modelica 
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INTRODUCTION 

Life is impressive. Every living creature is composed of a few fundamental building blocks, identical 

across the species. Every human being stems from a single cell. And yet, everybody is so different that 

sometimes one is urged to deny any conceivable relationship to the other one. Despite its initial 

simplicity, our physical form develops into the most complex system in the Universe1 – as far as we 

know. 

A body is a dynamic set of continuously interacting elements (with each other as well as the 

environment), forming basic functional units (organs) and higher subsystems (organ systems). They 

follow the common objective of maintaining natural homeostasis2 via comprehensive auto-regulation 

mechanisms. Malfunction of a part may be compensated for but may also result in a serious disruption 

in the regulatory processes and endanger the vital functions. 

The cardiovascular system represents such a critical part. In Europe, a cardiovascular disease is a cause 

of death in 30 % of people deceased under the age of 65 and 46 % in total (Nichols et al., 2014). 

Therefore, research in this field has the potential of affecting lives of millions of people worldwide. 

Factors contributing to cardiovascular diseases are relatively well comprehended (World Health 

Organization, 2015). Proper treatment is, however, still an open issue – in the United States, 29 % of 

all heart attacks are of patients who have already experienced a heart attack before (Centers for 

Disease Control and Prevention, 2015). Acute conditions followed by a cardiogenic shock, requiring 

connection to an extra-corporeal membrane oxygenator (ECMO) device, are notorious with high 

mortality – e.g. Ko et al. (2002) have reported 39% mortality during receiving the ECMO support. 

Combes et al. (2012) have analyzed several studies and detected mortality rates between 25 and 50 

%. 

Having patients connected to ECMO, there is no much space for experimenting. Medical experts are 

presented with a set of measurements and are required to make straight decisions. The 

measurements, and especially their time progress, are a basis for inferring the real condition in the 

patient’s body (solving the inverse problem) and predicting its future development. 

In this situation, modeling can be particularly advantageous. Computational models provide the 

opportunity to study behavior in the section of interest including valid laws and mutual dependencies. 

Various scenarios can be simulated and their results evaluated, selecting the optimal approach for 

further treatment. The experiments can be performed relatively fast, and obviously, not affecting the 

patient’s condition nor requiring any animal sacrifice. 

However, every model has its range of validity due to assumed simplifications. This is an intrinsic 

characteristic of models – without any simplification, it would no longer be a model but the modeled 

object itself, losing all the initial benefits. The amount of simplifications needs to be balanced with the 

applicability and plausibility of the model to be able to answer the researched questions correctly. In 

                                                           
1 This, of course, depends on the point of view. Strictly, the Universe itself is more complex than any of its 
constituents is. 
2 Although this is not necessarily the only purpose, and possibly, not even the primary one. 



Introduction 

- 2 - 
 

recent years, increase in computing capacities and advances in availability of modeling tools have 

occurred, promoting the feasibility of building meaningful models. 

The main objective of this thesis is to construct an integrative model of human cardiovascular system 

including heart mechanics, and subsequently, study arterial pressure-flow patterns and ventricular 

behavior in several pathological situations and an effect of application of the ECMO support with 

respect to its settings. 

In Chapter 1, the assignment is discussed more thoroughly and a selected approach is formulated. 

Chapter 2 comprehensively describes the entire model part by part including a literature review for 

the main components. Performed simulations and their graphical outcomes together with a 

commentary regarding their physiological feasibility are presented in Chapter 3. Final summary, 

limitations of the model and its possible enhancements are stated in Conclusion. 
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1) BASIC CONCEPT 

Nature is multifarious. And so is the human body. And so is its modeling. There are various views on 

how to represent a particular organ, often with a different level of abstraction, primary assumptions, 

and simplifications. There are diverse modeling methods and software tools, providing miscellaneous 

possibilities for model development, and simultaneously, imposing fundamental constraints on the 

problem formulation. Finally, there are also several architectonic styles that can be applied to the 

model design, each suitable best for a certain task, leading to a different degree of flexibility, 

reusability and extendibility. 

To make a reasonable selection among the multitude of alternatives, the task itself has to be specified 

in more detail. 

1.1) Model Requirements 

Generally, any requirements can be classified as either qualitative or quantitative – i.e. aimed at 

presence of an entity of interest or at numerical quantification and description of an object or a 

variable. 

1.1.1) Qualitative Analysis 

For the domain of biomedical engineering, Meurs (2011) suggests a method of specifying qualitative 

requirements in the following 9 categories: 

 Physiological system 

The main interest is in the cardiac circulation system with an emphasis on left ventricle 

mechanics and systemic arterial tree hemodynamics. 

To compose a closed-loop model, other organs should also be included – remaining parts of the 

heart, rest of the systemic circuit, and pulmonary circuit. 

 Population 

The model should be abstract enough to capture general hemodynamic phenomena and 

represent an average adult human. 

 Physiological states 

By default, the model should mimic the resting condition in the natural environment. 

 Pathologies 

Several common pathologies should be able to be simulated, e.g. cardiac ischemia and arterial 

stenosis. 
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 Clinical signs and monitored variables 

Standard hemodynamic variables should be monitored within the circuit – these include 

pressure and flow waveforms, especially. In the left ventricle, the length of sarcomeres and 

myofiber stress should be computed. 

Furthermore, an index related to the heart’s work and power should be calculated. 

 Critical incidents 

No scenarios with time-dependent incidents are required. 

 Interventions 

The model should provide a possibility for connection of the cardiovascular circuit to an ECMO 

device. Other types of a cardiac support may be implemented. 

 Overall block diagram 

With respect to the above-mentioned requirements, the basic structure of the model should be 

(at the minimal level of description, at least) as depicted in Figure 1. 

 

Figure 1: Minimal Required Scheme of the Model 

 Internal structures and functions 

Most importantly, the model should describe the beat-to-beat dynamics rather than a static 

steady-state solution. 

Pressure and blood flow waveforms should be monitored at different places in the arterial tree; 

thus, the arterial tree has to be composed of individual arteries. The resulting waveforms should 

also plausibly portray basic hemodynamics phenomena such as a dicrotic notch within the 

pressure waveform. 
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1.1.2) Quantitative Analysis 

Although average normal values of physiological variables have been well determined and 

documented in literature, together with either their typical range or variance across the population, 

similar precise numbers will not be specified here explicitly. 

Instead, I refer back to the formulation of representing an average adult human in the resting 

condition, which should implicitly cover all values for desired variables. 

1.2) Selected Approach 

Based on the task specification, the final concept has been selected. 

1.2.1) Model Paradigm 

Lumped parameter modeling has been found the most suitable approach. In lumped parameter 

models, characteristics and functions of individual parts of the system are confined to single boxes 

constituting the minimal resolution modeled, which is sufficient for the task assigned. This also allows 

for abstraction from spatial variations within tissues, leaving time to be the only dimension for 

differential calculus. 

In contrast, 4D models3 are concerned with exact topology and geometrical properties of tissues, 

leading to a very accurate spatial description of the system. These models, however, involve much 

more initial conditions and parameters, and therefore, they are less generalizing. Besides, since they 

consist of sets of partial differential equations (PDEs), they are computationally demanding. 

Similarly, 2D and 3D models can be defined – e.g. in case of modeling development in both time and 

“forward” dimension in the arterial tree (2D) and considering also angles between arteries at 

bifurcations (3D). These can be especially useful as an interface between 4D and lumped parameter 

components, as they are commonly coupled together in one model (Vosse & Stergiopulos, 2011) to 

reach a precise resolution in one segment of the system while maintaining adequate simplicity in other 

parts. 

Favoring the lumped parameter approach frequently implies a need for a substantial number of 

simplifications and assumptions. Some of them can be of virtually no impact whereas others can be 

noticeably reflected in simulated results. Even then, the deviations may still be systematic with a 

prospect of being reconstructed to a feasible form (using a scaling transformation etc.) – or the 

dissonance may be totally irreparable. 

In such cases, any unexpected results – in discrepancy with qualitative or quantitative requirements – 

should be well explained and justified with respect to possible propagation of an error across the 

whole model. Otherwise, all results could be discredited. 

                                                           
3 Note that in literature, this class of models is typically denoted as 3D. Since there is no practical reason to omit 
the time dimension (but on the contrary, it is perhaps the most important one in dynamic systems), I prefer to 
include it in the #D labeling. Likewise, the lumped parameter models are often referred to as 0D, but in reality, 
there are 1D. Note that sometimes, the dimension depends on one’s perspective and resolution – a sequence 
of 1D models can be regarded as an additional, emergent dimension or not. 
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As mentioned earlier, a significant simplification is intrinsic to lumped parameter models: all spatially 

local properties of tissues are regarded as homogenous. Nevertheless, this assumption is expected to 

be of little importance as far as the required resolution of details is considered. 

Other simplifications are more subordinated to particular realizations of the model components. It 

can be expected that these will completely omit advanced concepts of the “big physics” – both 

relativistic and quantum phenomena. While relativistic mechanics is of no additional benefit 

comparing to classical mechanics in the description of human body, quantum mechanics may be 

crucial in explaining brain processes and consciousness (Sahu et al., 2014, Ghosh et al. 2014), no 

evidence of any substantial effect on the cardiovascular circulation has been found though (and will 

likely not be – due to its nature). 

Individual parts of the model will be based on research by other authors, as it is reasonable to expect 

that existing models are well-validated, and thus, providing sufficiently firm ground for fulfilling the 

quantitative criteria. However, there is a danger hidden in this approach. It can lead to generating 

additional inaccuracies due to possible inconsistencies between parameters and assumptions of each 

adopted submodel. 

1.2.2) Implementation 

For a formal definition of the model, the Modelica language has been selected. Its main advantage is 

the concept of acausal modeling: a system is modeled as a set of equation that are required to be valid 

all simultaneously rather than evaluating them sequentially one at a time (as in the MATLAB 

environment). In other words, Modelica is a domain-neutral declarative language, in which equations 

represents real equality and can contain complex expressions on both sides of an equation, not an 

imperative language with sequences of plain assignments to variables. 

This is much closer to the actual thinking about physical systems without a need for additional 

conversion into a sequence of consistent programing commands, which is also likely to considerably 

save time during the model development. 

The only significant constraint of Modelica is its inability to encompass PDEs as user friendly as for 

ordinary differential equations4. Considering lumped parameter models, however, this constraint is 

no barrier. 

Modelica is also an object-oriented language. It allows for both inheritance and object composition, 

which is very valuable in terms of code reusability and maintenance. Objects can encapsulate their 

logic and expose desired variables only (e.g. leaving auxiliary variables hidden). Interconnection of 

individual objects is realized through a connector, which is a special type of an object that carries 

necessary information for implicit construction of interconnecting equations. 

Other features of Modelica include a support for checking unit compatibility in equations, some 

constructs typical for imperative languages (loops, conditional expressions, arrays etc.), and a method 

of mapping code to the graphic user interface. 

                                                           
4 Somewhat “manual” implementation of PDEs is still possible via arrays. 
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The model is to be constructed within the Dymola editor, commercially developed by Dassault 

Systèmes. Dymola offers full Modelica support and a basic graphic editor coupled to models. There 

are several numerical solvers, some of them specially crafted for stiff conditions. Results can be 

plotted according to desired settings and exported as an image or raw data. 

Today, advanced numerical methods provide reasonable precision comparing to an analytical solution 

(which is practically impossible to derive for complex systems, obviously). Nevertheless, one has to be 

aware of possible inaccuracies stemmed from the numerical approximation of derivations. The 

deviation can even be high enough to shift simulation solution from stable to an unstable one. 

The model will be compatible with Physiolibrary, created and maintained by Marek Matěják at 

Institute of Pathological Physiology, Charles University in Prague (2015). This framework is an 

extension to the standard Modelica library specifically aimed at the domain of physiology – beside 

others, it contains a basic infrastructure and components suitable to be incorporated into new models 

(connectors, sensors, sources etc.), a set of thematic icons, semantic variable types, and improves unit 

conversion by accepting commonly used non-SI units. 
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2) MODEL DESCRIPTION 

Following the task assignment, a cardiovascular model has been composed, including several 

enhancements. In this section, its structure is described along with a brief literature review for the 

main parts of interest, additional simplifications and assumptions made in each component, and 

justification for their adoption. 

Initially, a model core has been created. It consists of mechanical model of ventricles, atria based on 

the identical myofiber concept, and a basic circuit distinguishing between arteries, veins, and 

peripheral resistance in systemic as well as pulmonary circuit. Moreover, there are heart valves and a 

coronary circuit incorporated. 

Second, several alternatives for a more detailed characterization of systemic arteries have been 

implemented. These range from a simple 4-compartment windkessel model to a complex 

physiological arterial tree. 

Finally, two heart supports have been formed. These are an ECMO device, allowing for simulation of 

both pulsatile and non-pulsatile blood flow, and an intra-aortic balloon pump (IABP) with adjustable 

timing of inflation and deflation. 

2.1) Model Core 

2.1.1) Heart Mechanics 

In recent years, many high-dimensional models of a human heart have been suggested and composed 

in relation to the advances in computing technologies – e.g. Talbot et al. (2013), Chapelle et al. (2009), 

and Nordsletten et al. (2011). Despite impressive visualization, which they can output, this class of 

models has been forbidden earlier as not feasible for the purpose of this project and will no longer be 

considered. 

Literature Review 

Caruel et al. (2013) have demonstrated a dimensional reduction of a 4D ventricle model and have 

reached reduced formulations in 2D and 1D. The latter version, however, assumes spherical symmetry 

– which is rather a strong simplification – and is meant more like a simulation tool without a 

physiological accuracy. 

Pironet et al. (2013) have proceeded from various previously published models and have created a 

multi-scale model of heart chamber mechanics. There are three levels of resolution clearly 

differentiated and interconnected – intracellular calcium concentration, sarcomere mechanics, and 

chamber geometry. 

Chambers are assumed to be hemispheric and their deformation in the radial direction is assumed to 

be equal to the deformation of a sarcomere. Both active and passive force are generated by 

sarcomeres, the passive force is, however, approximated only linearly with respect to the length of a 

sarcomere. In addition, a series elastic element, which is usually embedded within the sarcomere 
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model to comply with the sliding filament theory – see e.g. Huxley (2004) – has been omitted for 

simplicity. 

Although both left ventricle and atrium follows this concept, the paper primarily targets the left atrium 

only and only its results are validated. 

A similar modular approach has been chosen by Bhattacharya-Ghosh et al. (2012). They consider an 

organ level with the left ventricular hemodynamics, a protein level with the sarcomere mechanics, 

and a cellular level with the intracellular calcium dynamics. 

Detail of the cellular and protein levels is high, as they include ion channel function, action potential, 

and cross-bridges kinetics with attachment and detachment of myosin heads. Cardiac muscle energy 

is assumed to depend on the length of a sarcomere and a proportion of attached cross-bridges. 

Unfortunately, the left ventricle hemodynamics is said to be simplified and is not fully explained. Also, 

model parameters adopted from literature have been adjusted in order to help results fit the 

physiological values and the authors admit that the model requires further validation. 

Deserranno et al. (2007) have built a mechanical model of ventricles with an action-myosin cross-

bridging and calcium binding model. No assumptions regarding the model and real physiology are 

discussed although it is obvious from the equations that – at least with respect to ventricular 

hemodynamics and geometry – substantial simplifications have been made. It is concluded that the 

model performs more realistic comparing to classical lumped parameter models without the cross-

bridging mechanism. 

Shim et al. (2008) and Kim et al. (2013) have composed an integrative model of hemodynamics and 

sarcomere mechanics with cross-bridge dynamics, both controlled by a model of the autonomic 

nervous system. Although incorporation of baroreflexes providing feedback to the vascular tone, 

contractility and heart rate is impressive, the geometry of the heart chambers is again simplified as 

spherical, which is “the main drawback of their study” as the authors say themselves (but try to 

marginalize its significance in the latter paper). 

Lumens et al. (2009) have constructed a model of the ventricular hemodynamics and sarcomere 

mechanics, in which the left and right ventricles emerge from an immediate position of three spherical 

heart walls (left free wall, right free wall, and septal wall). 

The sarcomere mechanism is based on experiments with rat cardiac muscles and is represented by a 

passive element coupled in parallel with a series of a contractile element and an elastic element. In 

addition, wall tension is calculated in both radial and axial directions. 

Adoption 

Based on the presented literature review, the model of Lumens et al. (2009) – TriSeg – has been found 

most suitable for the purpose of this project. Although the heart walls are spherical, the septal wall 

simulates the mutual interaction between the left and right ventricle, which is a phenomenon not 

comprehended by other models. As a result, the ventricle geometry can appear much more realistic. 

Furthermore, there is a long history of research in this field of biomedical modeling by Theo Arts and 

his collaborators – see e.g. Arts et al. (1971), Arts et al. (1991), Arts et al. (2004), and Lumens et al. 
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(2008). The model seems to be well validated and together with the model of human cardiovascular 

circuit CircAdapt (Arts et al., 2004), into which TriSeg has been developed as a module, is currently 

applied by other authors as a core model platform for their research – e.g. Tobon-Gomez et al. (2012). 

Ventricular Geometry 

The exact geometrical concept of ventricles and related characteristics are depicted in Figure 2. 

 

Figure 2: Ventricular Geometry in TriSeg model 

Source: Lumens et al. (2009); Legend: RW/SW/LW – right/sepal/left wall, RV/LV – right/left ventricle, 

𝑉 – volume, 𝑝 – pressure, 𝑇 – wall tension, 𝐶 – curvature, 𝐴 – area, 𝛼 – angle of spherical surface, 𝑥/𝑦 

– extension along the axis, m in subscript denotes a variable computed with respect to the middle of a 

heart wall 

The following equations, which have been used in the model, are based on those in Lumens et al. 

(2009) but are modified according to source codes of the latest version of CircAdapt, which can be 

downloaded for free (Maastricht University – Department of Biomedical Engineering, 2013). 

For the simplified ventricular wall geometry, these relations between mid-wall volume 𝑉𝑚, area 𝐴𝑚, 

curvature 𝐶𝑚, and extension 𝑥𝑚, 𝑦𝑚 hold: 

𝑉𝑚 =
𝜋

6
𝑥𝑚(𝑥𝑚

2 + 3𝑦𝑚
2 ) 

𝐴𝑚 = 𝜋(𝑥𝑚
2 + 𝑦𝑚

2 ) 

𝐶𝑚 =
2𝑥𝑚

𝑥𝑚
2 + 𝑦𝑚

2  

Transmural pressure 𝑝𝑡 is related to curvature and mid-wall tension 𝑇𝑚, which can be decomposed 

into tension in axial 𝑇𝑥  and radial 𝑇𝑦 direction: 

𝑝𝑡 =
𝑇𝑥
𝑦𝑚

= 2𝑇𝑚𝐶𝑚 
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𝑇𝑥 = 𝑇𝑚 sin(𝛼) = 𝑇𝑚
2𝑥𝑚𝑦𝑚

𝑥𝑚
2 + 𝑦𝑚

2  

𝑇𝑦 = 𝑇𝑚 cos(𝛼) = 𝑇𝑚
𝑦𝑚
2 − 𝑥𝑚

2

𝑥𝑚
2 + 𝑦𝑚

2  

Mid-wall tension is approximated by the relation to wall volume, mid-wall area and myofiber stress 

𝜎𝑓 (with 𝑧 being an auxiliary variable and 𝐴𝑚,0 dead space mid-wall area): 

𝑇𝑚 =
𝑉𝑤𝜎𝑓

2𝐴𝑚
(1 + 0.27𝑧2) 

𝑧 =
1.5𝐶𝑚𝑉𝑤
𝐴𝑚 − 𝐴𝑚0

 

Sarcomere Mechanics 

Length of a sarcomere is determined by a reference length at zero strain 𝐿𝑠,𝑟𝑒𝑓 and natural myofiber 

strain 𝜖𝑓, which depends mainly on effective mid-wall area and reference mid-wall area 𝐴𝑚,𝑟𝑒𝑓: 

𝐿𝑠 = 𝐿𝑠,𝑟𝑒𝑓𝑒
𝜖𝑓 

𝜖𝑓 = 0.5 log (max(10
−9,
𝐴𝑚 − 𝐴𝑚,0
𝐴𝑚,𝑟𝑒𝑓

)) −
1

12
𝑧2 − 0.019𝑧4 

The sarcomere length is also divided into a length of an elastic part 𝐿𝑠𝑒 and a contractile part 𝐿𝑠𝑐, 

which are further normalized with a reference length of an isometrically stressed elastic element 

𝐿𝑠𝑒,𝑖𝑠𝑜 and a reference length of the contractile element with zero active stress 𝐿𝑠𝑐,0: 

𝐿𝑠 = 𝐿𝑠𝑒 + 𝐿𝑠𝑐 

𝐿𝑠𝑒,𝑛𝑜𝑟𝑚 = max(−0.02,
𝐿𝑠𝑒
𝐿𝑠𝑒,𝑖𝑠𝑜

) 

𝐿𝑠𝑐,𝑛𝑜𝑟𝑚 = max(10−4, (𝐿𝑠𝑐 − 𝐿𝑠𝑐,0)10
6) 

 

Myofiber stress stems from a combination of a passive and an active component. Passive stress 𝜎𝑓,𝑝𝑎𝑠 

is linked to reference passive stress 𝜎𝑓,𝑝𝑎𝑠,𝑟𝑒𝑓, sarcomere length, sarcomere length with zero passive 

stress 𝐿𝑠,𝑝𝑎𝑠,0  and a stress coefficient 𝑑𝐿𝑠,𝑝𝑎𝑠 . Active stress results from reference active stress 

𝜎𝑓,𝑎𝑐𝑡,𝑟𝑒𝑓, normalized lengths of contractile and elastic sarcomere elements, calcium concentration 

factor 𝐶 and reference diastolic calcium concentration factor 𝐶𝑅: 

𝜎𝑓 = 𝜎𝑓,𝑎𝑐𝑡 +max (0.2𝜎𝑓,𝑝𝑎𝑠, 𝜎𝑓,𝑝𝑎𝑠) 
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𝜎𝑓,𝑝𝑎𝑠 =

{
 
 

 
 𝜎𝑓,𝑝𝑎𝑠,𝑟𝑒𝑓 (0.12 (cosh (5

𝐿𝑠,𝑝𝑎𝑠,0

𝑑𝐿𝑠,𝑝𝑎𝑠
ln (

𝐿𝑠
𝐿𝑠,𝑝𝑎𝑠,0

)) − 1) + (ln (
𝐿𝑠
𝐿𝑠,𝑟𝑒𝑓

) + 0.1)) ;   𝑖𝑓 𝐿𝑠  >  𝐿𝑠,𝑝𝑎𝑠0

𝜎𝑓,𝑝𝑎𝑠,𝑟𝑒𝑓 (ln (
𝐿𝑠
𝐿𝑠,𝑟𝑒𝑓

) + 0.1) ;   𝑖𝑓 𝐿𝑠 ≤ 𝐿𝑠,𝑝𝑎𝑠0

 

𝜎𝑓,𝑎𝑐𝑡 = 𝜎𝑓,𝑎𝑐𝑡,𝑟𝑒𝑓𝐿𝑠𝑐,𝑛𝑜𝑟𝑚((𝐶 + 𝐶𝑅)𝐿𝑠𝑒,𝑛𝑜𝑟𝑚 − 𝐶𝑅) 

Contraction of the contractile sarcomere element is driven by reference velocity 𝑣𝑚𝑎𝑥, normalized 

length of elastic component as well as calcium factor and passive myofiber stress: 

d𝐿𝑠𝑐
d𝑡

= max(𝐿𝑠𝑒,𝑛𝑜𝑟𝑚 − 1, (𝐿𝑠𝑒,𝑛𝑜𝑟𝑚 − 1) tanh(10𝐶 +max (0, 10
−4𝜎𝑓,𝑝𝑎𝑠

2))) 𝑣𝑚𝑎𝑥 

Calcium concentration factor follows time 𝑡 (with 0 being the beginning of contraction), normalized 

length of the contractile element, and time parameters for rise and decay phases (with 𝑎𝑅 and 𝑎𝐷 

being auxiliary variables), which are derived from time scaling parameter 𝜏𝑠 and activation duration 

𝜏𝑎: 

d𝐶

d𝑡
=
tanh(4𝐿𝑠𝑐,𝑛𝑜𝑟𝑚

2)0.02𝑎𝑅
3(8 − 𝑎𝑅)

2𝑒−𝑎𝑅

𝜏𝑅
−
𝐶(0.5 + 0.5 sin(sign(𝑎𝐷)min(0.5𝜋, abs(𝑎𝐷))))

𝜏𝐷
 

𝑎𝑅 = min(8,max (0,
𝑡

𝜏𝑅
)) 

𝑎𝐷 =
𝑡 − 𝜏𝑠(0.65 + 0.7𝐿𝑠𝑐,𝑛𝑜𝑟𝑚)

𝜏𝐷
 

𝜏𝑅 = 0.55𝜏𝑠𝜏𝑎 

𝜏𝐷 = 0.33𝜏𝑠𝜏𝑎 

Emergence of Ventricles 

Interconnection of all three walls is realized by enforcing the identical position of intersection junction 

and equality of axial and radial tension, assuming the sepal wall being convex with respect to the left 

ventricle: 

𝑦𝑚,𝐿𝑊 = 𝑦𝑚,𝑆𝑊 = 𝑦𝑚,𝑅𝑊 

𝑇𝑥,𝐿𝑊 = 𝑇𝑥,𝑆𝑊 + 𝑇𝑥,𝑅𝑊 

𝑇𝑦,𝐿𝑊 = 𝑇𝑦,𝑆𝑊 + 𝑇𝑦,𝑅𝑊 

Then, resulting ventricular volume and pressure (pericardial pressure 𝑝𝑃 including) can be computed 

as: 

𝑉𝐿𝑉 = 𝑉𝑚,𝐿𝑊 − 0.5𝑉𝑤,𝐿𝑊 + 𝑉𝑚,𝑆𝑊 − 0.5𝑉𝑤,𝑆𝑊 

𝑉𝑅𝑉 = 𝑉𝑚,𝑅𝑊 − 0.5𝑉𝑤,𝑅𝑊 − 𝑉𝑚,𝑆𝑊 − 0.5𝑉𝑤,𝑆𝑊 

𝑝𝐿𝑉 = 𝑝𝑡,𝐿𝑊 + 𝑝𝑃 
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𝑝𝑅𝑉 = 𝑝𝑡,𝑅𝑊 + 𝑝𝑃 

Pericardial pressure is derived from reference pericardial pressure 𝑝𝑃,𝑟𝑒𝑓 , reference pericardial 

volume 𝑉𝑃,𝑟𝑒𝑓, current pericardial volume 𝑉𝑃, and stiffness non-linearity parameter 𝑘𝑃: 

𝑝𝑃 = 𝑝𝑃,𝑟𝑒𝑓 (
𝑉𝑃
𝑉𝑃,𝑟𝑒𝑓

)

𝑘𝑃

 

Volume of heart pericardium is a summation of all inner volumes – ventricles, ventricular walls, atria 

(𝑉𝐿𝐴, 𝑉𝑅𝐴), and atrial walls (𝑉𝑤,𝐿𝐴, 𝑉𝑤,𝑅𝐴). 

𝑉𝑝 = 𝑉𝐿𝑉 + 𝑉𝑅𝑉 + 𝑉𝑤,𝐿𝑊 + 𝑉𝑤,𝑆𝑊 + 𝑉𝑤,𝑅𝑊 + 𝑉𝐿𝐴 + 𝑉𝑅𝐴 + 𝑉𝑤,𝐿𝐴 + 𝑉𝑤,𝑅𝐴 

Atria 

Heart atria follow the identical concept of sarcomere mechanics, only their geometry is simplified as 

an ideal sphere: 

𝐶𝑚 = √
4𝜋

3𝑉𝑚
  

3

 

𝐴𝑚 =
4𝜋

𝐶𝑚
2  

Since there is no interaction between multiple walls in atria, the inner cavity volume is simply a mid-

wall volume without the respective wall volume and pressure is a sum of transmural and pericardial 

pressure; in case of left atrium, however, pericardial pressure is only half (as it is only half around it): 

𝑉𝐿𝐴 = 𝑉𝑚,𝐿𝐴 − 0.5𝑉𝑤,𝐿𝐴 

𝑉𝑅𝐴 = 𝑉𝑚,𝑅𝐴 − 0.5𝑉𝑤,𝑅𝐴 

𝑝𝐿𝐴 = 𝑝𝑡,𝐿𝐴 + 0.5𝑝𝑃 

𝑝𝑅𝐴 = 𝑝𝑡,𝑅𝐴 + 𝑝𝑃 

Parametrization 

The model also incorporates parameters for a delay in chamber activation with regard to the cardiac 

cycle (𝑡𝑐), simulating physiological (or pathological) delays in transmission of neural signals along the 

heart tissue. 

Values of predefined fixed parameters are provided in Table 1. 

Limitations 

Authors of the TriSeg module argue that it is a very reasonable model, results of which can – assuming 

energy conservation and fiber stress homogeneity in a wall – well correspond to conditions in real 

heart geometries. Cavity dimensions may be underestimated as a result of neglecting non-contractile 
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basal sheet around ventricles. Numerical approximation of mid-wall tension is deviated less than 2% 

comparing to an analytical solution (Lumens et al., 2009). 

Parameter Value Unit 

𝑪𝑹 0.02 – 

𝒅𝑳𝒔,𝒑𝒂𝒔 0.6 (ventricle), 0.8 (atrium) µm 

𝑳𝒔,𝒑𝒂𝒔,𝟎 1.8 µm 

𝑳𝒔,𝒓𝒆𝒇 2.0 µm 

𝑳𝒔𝒄,𝟎 1.51 µm 

𝑳𝒔𝒆,𝒊𝒔𝒐 0.04 µm 

𝝈𝒇,𝒂𝒄𝒕,𝒓𝒆𝒇 120 (ventricle), 84 (atrium) kPa 

𝝉𝒔 0.25 (ventricle), 0.5 (atrium) s 

𝒗𝒎𝒂𝒙 7 (ventricle), 10.5 (atrium) µm / s 

Table 1: Fixed Parameters Used in the Heart Model 

2.1.2) Vessels 

Closed-loop systemic and pulmonary circuits have been also modeled according to CircAdapt 

(Maastricht University – Department of Biomedical Engineering, 2013). The reason for this selection 

is not only a guarantee of compatibility with the heart model (because any model parts should be 

mutually compatible via hemodynamic interaction as long as they are physiologically relevant) but its 

favorable characteristics: Stiffness of vessels reflects its non-linear nature, and furthermore, the whole 

circuit contains adaptation rules, which can simulate organ adaptation to chronic conditions (see 

Section 2.2). 

Simultaneously, the circuit remains lumped and is of a reasonably low complexity (arterial tree is to 

be embedded further). Both systemic and pulmonary circuits consist of three parts – a vessel block for 

arteries, a controlled resistor for capillaries, and another vessel block for veins. 

Arteries and Veins 

Vessel blocks are represented by a cylindrical cavity, leading to a direct link between volumes and 

cross-sectional areas (of cavity and wall as well as reference cavity values) with vessel length 𝑙: 

𝑉 = 𝐴𝑙 

𝑉𝑟𝑒𝑓 = 𝐴𝑟𝑒𝑓𝑙 

𝑉𝑤 = 𝐴𝑤𝑙 

The relation between volume and pressure is similar to the one of pericardium and is based on 

referential values, wall volume and stiffness non-linearity coefficient: 

𝑝 = 𝑝𝑟𝑒𝑓 (
𝑉𝑤 + 3𝑉

𝑉𝑤 + 3𝑉𝑟𝑒𝑓
)

𝑘
3
−1
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Vessel cavities are connected to the circuit with a controlled resistor (one ending of which is connected 

to the circuit and the other one is attached to the cavity). Its resistance 𝑅 is calculated as (with 𝜌 

denoting blood density): 

𝑅 =
√𝜌 (

𝑘
3 − 1)max

(1, 𝑝) 

𝐴 +
𝐴𝑤
3

 

Resistors combine blood flow 𝑞  with pressure difference over the resistor Δ𝑝  by its resistance 

according to the fundamental equation: 

Δ𝑝 = 𝑞𝑅 

Capillaries 

Pressure gradient in capillary resistors is not taken directly from the location of the component. 

Instead, the pressure gradient depends on the pressure inside the vessel cavities. This approach is well 

described in Arts et al. (2012b) and provides a clear physiological interpretation – capillary resistance 

corresponds to the true peripheral resistance and resistance in the vessel block represents the true 

wave impedance. 

Also, the pulmonary capillary resistor is modeled with a non-linearity using a reference pulmonary 

pressure drop Δ𝑝,𝑝𝑢𝑙𝑚,𝑟𝑒𝑓 as follows: 

Δ𝑝 =
Δ𝑝,𝑝𝑢𝑙𝑚,𝑟𝑒𝑓

Δ𝑝
𝑞𝑅 

Parametrization 

Values of predefined fixed parameters are provided in Table 2. 

Parameter Value Unit 

𝚫𝒑,𝒑𝒖𝒍𝒎,𝒓𝒆𝒇 1.5 kPa 

𝝆 1060 kg / m3 

Table 2: Fixed Parameters Used in the Vessel Models 

2.1.3) Heart Valves 

Valves have not been adopted from the CircAdapt system. Rather, a model of Maynard et al. (2012) 

has been applied. Its main advantage is a realistic simulation of closing and opening times, which is in 

contrast to valves in CircAdapt represented as an ideal diode. In addition, valve pathologies can be 

easily simulated. 

Pressure drop over a valve incorporates Bernoulli resistance 𝐵, which reflects pressure losses due to 

convective acceleration and diverging flow, and inertance 𝐿, which depends on blood density, valve 

cross-sectional area, and valve length: 

Δ𝑝 = 𝐵𝑞 abs(𝑞) + 𝐿
d𝑞

d𝑡
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𝐵 =
𝜌

2𝐴2
 

𝐿 =
𝜌𝑙

𝐴
 

Throughout the valves, Poiseuille viscous loses are of little importance, and therefore, are not 

considered (Mynard et al., 2012). 

Immediate cross-sectional area depends on continuous state 𝑠 (with 1 meaning maximally open and 

0 maximally closed valve) and maximal and minimal cross-sectional areas 𝐴𝑚𝑎𝑥 and 𝐴𝑚𝑖𝑛, which are 

given by reference cross-sectional area 𝐴𝑟𝑒𝑓  and coefficients for valve stenosis 𝑀𝑠𝑡  (leading to 

narrowing of maximal cross-section) and regurgitation 𝑀𝑟𝑔 (leading to broadening of minimal cross-

section), (also note the term for numerical stability avoiding division by zero area in the previous 

equations): 

𝐴 = (𝐴𝑚𝑎𝑥 − 𝐴𝑚𝑖𝑛)𝑠 + 𝐴𝑚𝑖𝑛 

𝐴𝑚𝑎𝑥 = (1 −𝑀𝑠𝑡)𝐴𝑟𝑒𝑓 

𝐴𝑚𝑖𝑛 = 𝑀𝑟𝑔𝐴𝑟𝑒𝑓 + 10
−10 

Valve state is changing exponentially with the rate given by coefficients 𝐾𝑜 (for opening) and 𝐾𝑐 (for 

closing) up to the boundary values whenever the pressure difference over the valve is higher than 

reference pressure for opening Δ𝑝,𝑜 or lower than reference pressure for closing Δ𝑝,𝑐: 

d𝑠

d𝑡
= {

(1 − 𝑠)𝐾𝑜(Δ𝑝 − Δ𝑝,𝑜);   𝑖𝑓 Δ𝑝 > Δ𝑝,𝑜

𝑠𝐾𝑐(Δ𝑝 − Δ𝑝,𝑐);   𝑖𝑓 Δ𝑝 < Δ𝑝,𝑐
0;   𝑜𝑡ℎ𝑒𝑟𝑤𝑖𝑠𝑒

 

This model is applied for all of the four heart valves (mitral, tricuspid, aortic, and pulmonary valve). 

Moreover, two additional valves are placed in the circuit into venous inlets of atria. Their purpose is 

to model complementary resistance and inertance so that their closing mechanism is inactivated by 

setting 𝑀𝑟𝑔 to 100 % (full regurgitation). This concept is adopted from the CircAdapt model (Arts et 

al., 2004). 

2.1.4) Coronary Circuit 

For the coronary circuit, a model by Bovendeerd et al. (2006) has been implemented. Although Theo 

Arts is a co-author, the model is not directly connected to CircAdapt. It has been selected for its being 

lumped and following physiological properties of coronary flow wave, e.g. generally higher flow during 

heart diastole than during systole. 

The circuit is based on fundamental elements in the spirit of electrical analogy – it consists of a series 

of four resistors representing coronary arterial, two myocardial, and venous resistances interlaced 

with three capacitors corresponding to arterial, myocardial, and venous compliances. 

The myocardial capacitor is, however, not grounded as the other ones but its pressure gradient is co-

created by intramyocardial pressure 𝑝𝑖𝑚 at a representative position 𝑚, which is defined as a surface 
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around ventricle volume and one third of its wall volume. 𝑝𝑖𝑚 depends on a passive wall stress in the 

radial axis 𝜎𝑝𝑎𝑠,𝑟  at the same position and a fraction of left ventricular pressure effective in that 

position: 

𝑝𝑖𝑚,𝑚 = 𝜎𝑝𝑎𝑠,𝑟,𝑚 + 𝑝𝐿𝑉,𝑚 

Knowing radial positions at the inner surface of ventricle wall 𝑟𝑖, at the outer surface 𝑟𝑜, and at the 

representative surface 𝑟𝑚, the contribution of ventricular pressure to the intramyocardial pressure is 

expressed as: 

𝑝𝐿𝑉,𝑚 = 𝑝𝐿𝑉
𝑟𝑜 − 𝑟𝑖
𝑟𝑜 − 𝑟𝑖

 

𝑟𝑜 = √3(𝑉𝐿𝑉 + 𝑉𝑤,𝐿𝑉)
3

 

𝑟𝑖 = √3𝑉𝐿𝑉
3  

𝑟𝑚 = √3(𝑉𝐿𝑉 +
𝑉𝑤,𝐿𝑉
3

)
3

 

Using the TriSeg model, the ventricle wall volume consists of two walls: 

𝑉𝑤,𝐿𝑉 = 𝑉𝑤,𝐿𝑊 + 𝑉𝑤,𝑆𝑊 

Passive radial wall stress is derived from a radial fiber stretch ratio 𝜆𝑟 at the representative position: 

𝜎𝑝𝑎𝑠,𝑟,𝑚 = {
0;   𝑖𝑓 𝜆𝑟,𝑚 < 1

200(𝑒9(𝜆𝑟,𝑚−1) − 1);   𝑖𝑓 𝜆𝑟,𝑚 ≥ 1
 

𝜆𝑟,𝑚 = √(
𝑉𝐿𝑉 +

𝑉𝑤,𝐿𝑊 + 𝑉𝑤,𝑆𝑊
3

𝑉0,𝐿𝑉 +
𝑉𝑤,𝐿𝑊 + 𝑉𝑤,𝑆𝑊

3

)

−2
3

 

The input of the coronary circuit is connected to the outlet of the aortic valve and outputs into the 

right atrium. 

2.2) Adaptation 

As already mentioned, the parts adopted from the CircAdapt model can be adapted to chronic 

conditions, which is its significant advantage. The adaptation is realized as a set of update rules 

executed after each cardiac cycle, which are based on real physiological processes within tissues and 

experimental observations (Arts et al., 2004, Arts et al., 2012a). These include dilatation of vessel 

diameter according to average shear stress, adaptation of vessel wall thickness to internal pressure, 

adaptation of chamber walls and others. 
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The rules involve average values of state variables that are calculated with regard to the last cardiac 

cycle. Similarly, maximal values of state variables are used (note the difference between max function 

with two arguments returning the greater one and max function with one argument returning the 

maximal value of the argument during the last cycle). 

The CircAdapt routine can be launched with three different settings of adaptation – minimal 

adaptation (although the authors refer to is as no adaptation), resting adaptation, and adaptation 

during exercise. 

Minimal Adaptation 

With the minimal adaptation, both systemic and pulmonary capillary resistances are adjusted 

according to reference pressure in systemic arteries 𝑝𝑆𝐴,𝑟𝑒𝑓, reference blood flow 𝑞𝑟𝑒𝑓, and reference 

pressure drop over lungs Δ𝑝𝑝,𝑟𝑒𝑓: 

𝑅𝑠,𝑛𝑒𝑤 =
𝑝𝑆𝐴,𝑟𝑒𝑓 − avg(𝑝𝑆𝑉)

𝑞𝑟𝑒𝑓
 

𝑅𝑝,𝑛𝑒𝑤 =
Δ𝑝,𝑝𝑢𝑙𝑚,𝑟𝑒𝑓

avg(𝑞𝑝)
 

Resting Phase 

Resting adaptation includes the minimal adaptation and further adaptation of reference cross-

sectional area and reference pressure in each vessel segment: 

𝐴𝑟𝑒𝑓,𝑛𝑒𝑤 = 𝐴𝑟𝑒𝑓 (
0.17 avg(𝐴)

abs(avg(𝑞))
)
−0.5

(
𝑝𝑟𝑒𝑓

√avg(𝑝2)
)

−
0.5
𝑘
3
−1

 

𝑝𝑟𝑒𝑓,𝑛𝑒𝑤 = (
𝑝𝑟𝑒𝑓

√avg(𝑝2)
)

0.5

√avg(𝑝2) 

In addition, reference cross-sectional areas of valves 𝐴𝑟𝑒𝑓  are adjusted5  to fit the average cross-

sectional area of connected vessels, or are rescaled to 150% of area of the appropriate arterial valve 

in case of atrioventricular valves respectively. 

These modifications are also reflected in changes to dead area 𝐴𝑚,0  of heart chambers – for free 

ventricular walls (left and right, not sepal), it is a sum of areas of their atrioventricular valve and arterial 

valve, and for atria, it is a sum of areas of their atrioventricular valve and venous pseudo-valve. 

Exercise Phase 

Adaptation in exercise state is more complex and proceeds in several stages. First, the minimal 

adaptation is performed just as in case of resting adaptation. Then, wall cross-sectional area (and 

thereby wall volume) is adjusted (with 𝑣𝑖 being impact velocity, to which the body is a subject during 

movements, e.g. running and jumping): 

                                                           
5  Although the valves used in this project are not from CircAdapt as already explained, this adaptation 
mechanism can be applied to them as easily. 
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𝐴𝑤,𝑛𝑒𝑤 = 𝐴𝑤

(

 
 0.5e6

max((𝑝 + 𝑅𝐴𝑣𝑖) (1 +
3𝐴
𝐴𝑤
))
)

 
 

−0.5

 

A heuristic correctional factor for reference mid-wall area of sepal wall 𝐸𝐴𝑚,𝑟𝑒𝑓,𝑆𝑊 is calculated in order 

to model heart geometry more reliably (for other walls including atrial walls, it is zero): 

𝐸𝐴𝑚,𝑟𝑒𝑓,𝑆𝑊,𝑛𝑒𝑤 = 5 ln(
𝐴𝑚,𝑟𝑒𝑓,𝐿𝑊𝐴𝑚,𝑟𝑒𝑓,𝑅𝑊

𝐴𝑚,𝑟𝑒𝑓,𝑆𝑊(𝐴𝑚,𝑟𝑒𝑓,𝐿𝑊+𝐴𝑚,𝑟𝑒𝑓,𝑅𝑊)
) 

Further, wall volume, reference mid-wall area, and reference passive myofiber stress are recomputed 

for each chamber wall (here, the correctional factor is employed) according to values and relations 

found by best fit and sensitivity analysis (note that the entire expressions “0.5(…+…+…)” are in the 

exponent of 𝑒); for more details, see Arts et al. (2012a)): 

𝑉𝑤,𝑛𝑒𝑤 = 𝑉𝑤𝑒

0.5

(

 
 
 
 
 
 
 
 
 
 
 
 
 

0.3957
2

tanh

(

 
 
 
 
 
 
 

0.5 ln

(

 
 
 
 
 
 
 

1e6(𝐿𝑠,𝑚𝑎𝑥,𝑟𝑒𝑓−𝐿𝑠,𝑚𝑖𝑛,𝑟𝑒𝑓)

3
√
avg(max(0,𝜎𝑓,𝑎𝑐𝑡)(1e6𝐿𝑠𝑐−

avg(max(0,𝜎𝑓,𝑎𝑐𝑡)1e6𝐿𝑠𝑐)

avg(max(0,𝜎𝑓,𝑎𝑐𝑡))
)

2

)

avg(max(0,𝜎𝑓,𝑎𝑐𝑡)) )

 
 
 
 
 
 
 

)

 
 
 
 
 
 
 

−
0.3066
2

tanh(0.5 ln(
𝜎𝑓,𝑝𝑎𝑠,𝑟𝑒𝑓,𝑎𝑑𝑎𝑝𝑡𝑒

−𝐸𝐴𝑚,𝑟𝑒𝑓

max(max(0,𝜎𝑓,𝑝𝑎𝑠))
))

−
0.235
2

tanh(0.5 ln(1e6(𝐿𝑠,𝑚𝑖𝑛,𝑟𝑒𝑓+0.6(𝐿𝑠,𝑚𝑎𝑥,𝑟𝑒𝑓−𝐿𝑠,𝑚𝑖𝑛,𝑟𝑒𝑓))
avg(max(0,𝜎𝑓,𝑎𝑐𝑡)1e6𝐿𝑠𝑐)

avg(max(0,𝜎𝑓,𝑎𝑐𝑡))
 ))
)

 
 
 
 
 
 
 
 
 
 
 
 
 

 

𝐴𝑚,𝑟𝑒𝑓,𝑛𝑒𝑤 = 𝐴𝑚,𝑟𝑒𝑓𝑒

0.5

(

 
 
 
 
 
 
 
 
 
 
 
 
 
 

−0.4571
2

tanh

(

 
 
 
 
 
 
 

0.5 ln

(

 
 
 
 
 
 
 

1e6(𝐿𝑠,𝑚𝑎𝑥,𝑟𝑒𝑓−𝐿𝑠,𝑚𝑖𝑛,𝑟𝑒𝑓)

3
√
avg(max(0,𝜎𝑓,𝑎𝑐𝑡)(1e6𝐿𝑠𝑐−

avg(max(0,𝜎𝑓,𝑎𝑐𝑡)1e6𝐿𝑠𝑐)

avg(max(0,𝜎𝑓,𝑎𝑐𝑡))
)

2

)

avg(max(0,𝜎𝑓,𝑎𝑐𝑡)) )

 
 
 
 
 
 
 

)

 
 
 
 
 
 
 

−
0.0433
2

tanh(0.5 ln(
𝜎𝑓,𝑝𝑎𝑠,𝑟𝑒𝑓,𝑎𝑑𝑎𝑝𝑡𝑒

−𝐸𝐴𝑚,𝑟𝑒𝑓

max(max(0,𝜎𝑓,𝑝𝑎𝑠))
))

+
1.3028
2

tanh(0.5 ln(1e6(𝐿𝑠,𝑚𝑖𝑛,𝑟𝑒𝑓+0.6(𝐿𝑠,𝑚𝑎𝑥,𝑟𝑒𝑓−𝐿𝑠,𝑚𝑖𝑛,𝑟𝑒𝑓))
avg(max(0,𝜎𝑓,𝑎𝑐𝑡)1e6𝐿𝑠𝑐)

avg(max(0,𝜎𝑓,𝑎𝑐𝑡))
 ))
)

 
 
 
 
 
 
 
 
 
 
 
 
 
 

 

𝜎𝑓,𝑝𝑎𝑠,𝑟𝑒𝑓,𝑛𝑒𝑤 = 𝜎𝑓,𝑝𝑎𝑠,𝑟𝑒𝑓𝑒

0.5

(

 
 
 
 
 
 
 
 
 
 
 
 
 
 

−0.3338
2

tanh

(

 
 
 
 
 
 
 

0.5 ln

(

 
 
 
 
 
 
 

1e6(𝐿𝑠,𝑚𝑎𝑥,𝑟𝑒𝑓−𝐿𝑠,𝑚𝑖𝑛,𝑟𝑒𝑓)

3
√
avg(max(0,𝜎𝑓,𝑎𝑐𝑡)(1e6𝐿𝑠𝑐−

avg(max(0,𝜎𝑓,𝑎𝑐𝑡)1e6𝐿𝑠𝑐)

avg(max(0,𝜎𝑓,𝑎𝑐𝑡))
)

2

)

avg(max(0,𝜎𝑓,𝑎𝑐𝑡)) )

 
 
 
 
 
 
 

)

 
 
 
 
 
 
 

+
0.2091
2

tanh(0.5 ln(
𝜎𝑓,𝑝𝑎𝑠,𝑟𝑒𝑓,𝑎𝑑𝑎𝑝𝑡𝑒

−𝐸𝐴𝑚,𝑟𝑒𝑓

max(max(0,𝜎𝑓,𝑝𝑎𝑠))
))

−
1.3101
2

tanh(0.5 ln(1e6(𝐿𝑠,𝑚𝑖𝑛,𝑟𝑒𝑓+0.6(𝐿𝑠,𝑚𝑎𝑥,𝑟𝑒𝑓−𝐿𝑠,𝑚𝑖𝑛,𝑟𝑒𝑓))
avg(max(0,𝜎𝑓,𝑎𝑐𝑡)1e6𝐿𝑠𝑐)

avg(max(0,𝜎𝑓,𝑎𝑐𝑡))
 ))
)
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Finally, reference volume of pericardium is adjusted: 

𝑉𝑃,𝑟𝑒𝑓,𝑛𝑒𝑤 =
𝑉𝑃,𝑟𝑒𝑓

(
𝑝𝑃,𝑟𝑒𝑓
max(𝑝𝑃)

)
0.3/𝑘𝑃

 

Parametrization 

List of additional predefined fixed parameters is provided in Table 3. 

Parameter Value Unit 

𝑳𝒔,𝒎𝒂𝒙,𝒓𝒆𝒇 2.2 µm 

𝑳𝒔,𝒎𝒊𝒏,𝒓𝒆𝒇 1.75 µm 

𝒑𝑺𝑨,𝒓𝒆𝒇 12.2 kPa 

𝝈𝒇,𝒑𝒂𝒔,𝒓𝒆𝒇,𝒂𝒅𝒂𝒑𝒕 7.5 (ventricle), 52.5 (atrium) kPa 

𝒗𝒊 3 m / s 

Table 3: Fixed Parameters Used for Adaptation 

All of these adaptation mechanisms have been implemented and can be set in Settings block within 

the model. Also, true “no adaptation” option (i.e. without adaptation of capillary resistances) is 

included for completeness. 

Adaptation Protocol 

The adaptation, as used by the authors of CircAdapt, is to follow an adaptation protocol of repetitive 

alternating between adaptation at rest and adaptation during exercise – the adaptation state is 

switched after convergence (when only minimal adjustments are made to the parameters being 

adapted) and the switching should continue until the convergence persists after switching (in both 

directions). 

Nevertheless, this protocol is not implemented in CircAdapt and the routine has to be manually re-

launched each time if one wants to switch between adaptation states. In the presented model, a more 

convenient approach has been built-in, which can automatically alternate between adaptation states 

at run-time and finish in the resting state after reaching persistent convergence. 

The convergence criterion is a sum of square differences between values before and after a cardiac 

cycle for mean aortic flow (in milliliters), mean aortic pressure (in mmHg), and mean pulmonary 

pressure drop (in mmHg). Although these values are not parameters being adapted, they represent 

global characteristics of the circuit and are expected to reflect changes in adapted parameters, thereby 

convergence. 

The adaptation states switches whenever the convergence criterion declines below 0.01 (as a result 

of compromise between adaptation time and reasonable accuracy). After switching, there is an inter-

phase of minimal adaptation to balance the sudden jump in hemodynamic conditions (the circuit 

needs some time to absorb the changes and converge). Understandably, these inter-phases are not 

counted towards the criterion of persistent convergence. 

In CircAdapt, blood volume is constantly regulated with respect to the value of aortic pressure. This 

leads to fluctuations in blood volume within cardiac cycle. In the presented model, blood volume is 
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fixed and has been slightly increased at rest comparing to CircAdapt (0.95 vs. 0.87 l; in literature, 

various values for stressed blood volume are used, e.g. 0.88 l (Kaye et al, 2014), 0.95 l (Morley et al., 

2007), and 1.5 l (Pettersen et al., 2014)). Unstressed volume is not incorporated.  

Overview of the basic hemodynamic parameters related to a simulated condition is provided in Table 

4. 

Parameter Value Unit 

𝒒𝒓𝒆𝒇 85 (rest), 255 (exercise) ml / s 

𝒕𝒄 0.85 (rest), 0.425 (exercise) s 

𝑽 0.95 (rest), 1.3 (exercise) l 

Table 4: Hemodynamic Parameters Dependent on Condition and Adaptation Profile 

2.3) Systemic Arteries 

After the basic model had been built, construction of a more detailed version of systemic arteries was 

necessary. Again, various multi-dimensional models exist (a summary of various types is described in 

Vosse & Stergiopulos (2011)), but only lumped parameter models are considered to be embedded into 

the presented model. 

Generally, all such models are based on decomposition of vessel properties into three fundamental 

characteristics – hemodynamic resistance 𝑅, inertance 𝐿, and compliance 𝐶 . These are related to 

blood flow and pressure gradient by the following equations (which are identical to those for 

resistance, inductance, and capacitance in the electrical domain): 

𝑅 =
Δ𝑝

𝑞
 

𝐿 =
Δ𝑝

d𝑞
d𝑡

 

𝐶 =
𝑞

dΔ𝑝
d𝑡

 

Blood, being a suspension of plasma and blood cells, is known to be a non-Newtonian fluid (in which 

shear rate and shear stress are not linearly dependent) flowing not only in a laminar manner but also 

with occasional local turbulences. The material of vessel walls is not only elastic but also viscous 

thereby viscoelastic (with a non-trivial relation between viscosity and elasticity). Inevitably, the 

characteristics 𝑅, 𝐿, and 𝐶 are dynamic in relation to pressure, blood wave velocity etc. 

Neglecting some of these facts, e.g. by assuming entirely constant 𝑅 , 𝐿 , and 𝐶 , may result in 

deformations of blood flow and pressure waveforms (Segers et al., 1997). 

The most elemental lumped parameter models for human vessels are windkessel models, which 

describe the whole part of interest globally. The inner structure of the model varies; Shi et al. (2011) 

mentions i.a. the following examples (here, “-“ denotes serial connection, “/” represents parallel 

connection, and “\” returns back from a parallel branch; the compliance element is always grounded): 
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→ 𝑅 −/𝐶\→ 

→ 𝑅 −/𝐶\−𝑅 → 

→ 𝑅 −/(𝑅 − 𝐶)\→ 

→ 𝑅 − 𝐿 −/𝐶\−𝑅 → 

→ (𝑅/𝐿) −/𝐶\−𝑅 → 

After subdividing the whole vessel system into individual arteries, or veins respectively, the idea of 

windkessel models can be easily applied to each segment. Such lumped parameter models are called 

distributed (as referred to by Vosse & Stergiopulos (2011), Shi et al. (2011) label them as multi-

compartment). 

Usually, the total number of segments is subordinated to the purpose being pursuit. Examples for 

systemic arteries include Ferrari et al. (2000) with 19 segments, Abdolrazaghi et al. (2010) with 30 

segments, Mirzaee et al. (2009) with 36 segments, Naik & Bhathawala (2014) with 91 segments, and 

Avolio (1980) with 128 segments. 

With increasing complexity of the arterial tree, the model can be more accurate and can provide more 

information about blood pressure and flow in arteries. The longer time, which is required for 

simulation, can be, however, an unnecessary obstacle whenever detailed information is not needed. 

To provide higher flexibility and a possibility of comparison, several models of systemic arteries with 

various complexity have been implemented. 

2.3.1) Four-element windkessel model 

The last example of windkessel types mentioned above is of a distinguished position due to a close 

relation of its parameters to real characteristics of the vessel system: 𝐿  is a summation of all its 

inertances, 𝐶 reflects total compliance, the first (parallel) 𝑅 corresponds to characteristic resistance 

(𝑅𝑐), and the second 𝑅 matches peripheral resistance (𝑅𝑝) (Stergiopulos et al. 1999). 

Although it is not an arterial tree and is likely to bring little improvement comparing to the basic vessel 

block, it can help validate the selected approach of substituting the block of systemic arteries with 

independent sub-models, supposing its results are similar to the original ones. 

Values of the characteristics are set as given in Stergiopulos et al. (1999) and are listed in Table 5. 

Parameter Value Unit 

𝑪 1.37 ml / mmHg 

𝑳 0.007 mmHg s2 / ml 

𝑹𝒄 0.057 mmHg s / ml 

𝑹𝒑 1.05 mmHg s / ml 

Table 5: Windkessel Model Parameters Used by Stergiopulos 

The Physiolibrary framework (Institute of Pathological Physiology, Charles University in Prague, 2015) 

also contains this type of windkessel model. For the purpose of comparison, it has been implemented 

as well. Its parameter values are provided in Table 6. 
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Parameter Value Unit 

𝑪 1.4 ml / mmHg 

𝑳 0.005 mmHg s2 / ml 

𝑹𝒄 0.005 mmHg s / ml 

𝑹𝒑 0.926 mmHg s / ml 

Table 6: Windkessel Model Parameters Used in Physiolibrary 

2.3.2) Simple Aortic Model 

Ferrari et al. (2000) have designed a 1-level model of aorta (which has been also constructed 

physically) with 8 aortic segments in the form of: 

→ 𝑅 − 𝐿 −/𝐶\→ 

Values of resistance, inertance, and compliance are computed with respect to physiological 

dimensions of each aorta segment (length 𝑙 , average radius 𝑟, average wall thickness ℎ) with the 

following equations: 

𝑅 = 8
𝜇𝑙

𝜋𝑟4
 

𝐿 =
𝜌𝑙

𝜋𝑟2
 

𝐶 = 1.5
𝜋𝑟3𝑙

𝐸ℎ
 

However, values for compliance listed in the paper do not correspond to the equation. Instead, 

compliance is scaled by the factor of approximately 0.235 without any explanation or even a mention. 

Using the original equation leads to very unfavorable results. Therefore, the real equation used by the 

authors is: 

𝐶 = 0.353
𝜋𝑟3𝑙

𝐸ℎ
 

Material properties of blood (density 𝜌 and viscosity 𝜇) slightly differ across various models (e.g. 1050 

vs. 1060 kg/m3), impact of the variations is minimal and the circulation model presented in this thesis 

consistently uses values which are given in Table 7.  

Constant Value Unit 

𝝁 4 mPa s 

𝝆 1060 kg / m3 

Table 7: Blood Physical Properties 

Elastic property of the vessel wall – Young’s modulus 𝐸 – is in this aorta model specified as: 

𝐸 = 4.08 𝑔𝑓/𝑚𝑚2 = 40.011 𝑘𝑃𝑎 

This is a suspicious values – 10 times lower comparing to other studies, e.g. Wang and Parker (2004), 

Avolio (1980), and Naik & Bhathawala (2014). We may argue that this error is connected with the 
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undocumented change in the previous equation. Assuming the right value of 𝐸, the equation used is 

in reality: 

𝐶 = 3.53
𝜋𝑟3𝑙

𝐸ℎ
 

To the aorta, 11 branches are connected. These are represented by a resistive load or by one of the 

following combination with compliance: 

→ 𝑅 −/𝐶\→ 

→ 𝑅 −/(𝑅 − 𝐶)\→ 

Values of their characteristics are given. Their origin, however, remains unclear. 

The complete model is illustrated in Figure 3. 

 

Figure 3: Block Scheme of Simple Aortic Model 

Source: Ferrari et al. (2000); Individual segments of aorta denoted: 1 – ascending aorta, 2, 3 – aortic 

arch, 4, 5, 6 – thoracic aorta, 7, 8 – abdominal aorta; other blocks represent peripheral loads across 

the body 
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2.3.3) Simple Arterial Tree 

Abdolrazaghi et al. (2010) model the entire cardiovascular circuit with accent to both systemic and 

pulmonary arteries. From this, only the part with systemic arteries has been implemented. The tree 

consists of 30 compartments of one of the following types: 

→/𝐶\−𝐿 − 𝑅 → 

→/𝐶\−𝑅 − 𝐿 → 

→/𝐶\−(𝐿/𝑅) − 𝑅 → 

→/𝐶\−𝑅 − (𝐿/𝑅) → 

Values of the characteristics are said to be based on physiological dimensions according to those 

equations (with the resistance in parallel with inertance being denoted 𝑅𝑐  as the characteristic 

resistance): 

𝑅 = 8
𝜇𝑙

𝜋𝑟4
 

𝑅𝑐 = 8(
𝜆𝑞
𝜆𝑞
− 1)

𝜇𝑙

𝜋𝑟4
 

𝐿 = 8(𝜆𝑞 − 𝜆𝑝)
𝜌𝑙

𝜋𝑟2
 

𝐶 = 1.5
𝜋𝑟3𝑙

𝐸ℎ
 

Scaling parameters 𝜆𝑞 and 𝜆𝑝 are dependent on a radius of each segment: 

𝜆𝑞 = {
0.1729;         𝑖𝑓 𝑟 < 2 𝑚𝑚
0.2057;         𝑖𝑓 𝑟 ≥ 2 𝑚𝑚

 

𝜆𝑝 = {
0.0075;         𝑖𝑓 𝑟 < 2 𝑚𝑚
0.0392;         𝑖𝑓 𝑟 ≥ 2 𝑚𝑚

 

The assumed physiological values are not mentioned, only computed resistances, inertances, and 

compliances are given. However, the physiological values can be traced back by solving for the set of 

equations above (𝑟, 𝑙 and ℎ can be discovered knowing 𝑅, 𝐿 and 𝐶). 

Unfortunately, the revealed physiological values for ascending aorta are non-sense (with length 44 cm 

and thickness 22 cm). The following equations from the original paper, which are used to compute 

stiffness (inverse of compliance) in parts of the circuit that are not central to the arterial tree, can shed 

some light on the issue: 

𝑆𝐿𝐷 = 4.5 𝑚𝑚𝐻𝑔 × 1332 / 120 𝑚𝑙 = 49.5 𝑔𝑚/𝑐𝑚
4𝑠2 

𝑆𝐿𝑆 = 90 𝑚𝑚𝐻𝑔 × 1332 / 48 𝑚𝑙 = 2497.5 𝑔𝑚/𝑐𝑚
4𝑠2 
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First, pressure in mmHg can be converted to Pa by multiplication with 133.32 (101325/760 by 

definition), not with 1332 – note the difference in both order and digits. Although the result of the 

conversion is correct (with 𝑔𝑚  being an old and deprecated alternative for grams), the style of 

interfering with extra auxiliary variables into a conversion equation is formally wrong and dangerous. 

Second, 4.5 × 1332 / 120 is not 49.5 but 49.95. It can be inferred that the authors are not overly 

thorough and make mistakes and typos in critical parts of the paper. 

After a further investigation (a series of experiments), the given values were found to be 10 times 

higher (in case of 𝑅 and 𝐿) and lower (in case of 𝐶) comparing to the right ones. It suggests that the 

authors have propagated the constant 1332 into other conversion equations and corrupted the results 

(it agrees – the unit of 𝑅 and 𝐿 contains mmHg and their values are 10× higher, whereas the unit of 𝐶 

contains mmHg-1 and its values are 10× lower). 

Thereafter, the pressure waveforms correspond to the result in the paper and the “reverse-

engineered” physiological values are sensible (ascending aorta with length 4.4 cm, radius 1.58 cm, and 

wall thickness 0.22 cm, which is relatively close to dimensions used by other authors – Ferrari et al. 

(2000), Avolio (1980), and Naik & Bhathawala (2014); possibly, a little higher coefficient such as 11.3× 

instead of 10× would give even better fit but this could result in overfitting and also no interpretation 

offers, using 13.3× produces worse results than 10×). 

The adopted part of the circuit is vizualized in Figure 4. 

 

Figure 4: Block Scheme of Simple Arterial Tree 

Source: Abdolrazaghi et al. (2010) 
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2.3.4) Complex Arterial Tree 

Since the previous implementation are not entirely credible, a further attempt has been made to 

provide a physiologically relevant arterial tree. Calculations of Naik & Bhathawala (2014) are also 

discredited, since their values of inertances do not correspond to their equations (by approximately 

11%). 

On the other hand, Avolio (1980) has constructed a complex arterial tree (see the structure in Figure 

5), which is directly based on physiological dimensions and has been well explained and validated 

(O’Rourke & Avolio, 1980). It is regarded as one of the most realistic arterial models (Shi et al., 2011). 

Calculation of its characteristics is, however, complex and involves frequency analysis of incoming flow 

wave so as to account for viscoelastic effects and dynamic Young’s elastic modulus of arteries. 

 

Figure 5: Scheme of Complex Arterial Tree 

Source: Avolio (1980); Description of individual segments can be found in Avolio (1980); Note typos in 

this original illustration – e.g. segments 22 and 35 are doubled whereas 29 and 43 are missing… 
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Therefore, an own simple implementation of an arterial tree has been derived based on tree structure 

and physiological dimensions as used by Avolio (1980). (During the process of adoption, several 

mistakes were revealed in the original paper including typos in values of arterial dimensions and 

mislabeling arterial segments in the tree figure. All found problems have been resolved.) 

Method of Derivation 

Each artery is represented by the segment: 

→ 𝑅 − 𝐿 −/𝐶\→ 

Values of resistance, inertance, and compliance are computed according to equations (with 𝑅𝑏 being 

branching resistance and 𝑞𝐶  compliance numerical coefficient): 

𝑅 = 8
𝜇𝑙

𝜋𝑟4
+ 𝑅𝑏 

𝐿 = 8(𝜆𝑞 − 𝜆𝑝)
𝜌𝑙

𝜋𝑟2
 

𝐶 = 𝑞𝐶
𝜋𝑟3𝑙

𝐸ℎ
 

For total resistance, branching resistance 𝑅𝑏 is considered for segments located immediately after a 

branching junction (or using technical terminology, if they have siblings).  

𝑅𝑏 is set to be proportional to the fraction of ℎ/𝑟, which is based on the geometrical view that the 

area making a barrier to the blood flow is directly proportional to the wall thickness and vessel radius 

(ℎ𝑟), whereas the open area is proportional to a square of the vessel radius (𝑟2). This ratio is multiplied 

with reference value 𝑅𝑏,𝑟𝑒𝑓, which has been heuristically set to 100 Pa×s/ml:  

𝑅𝑏 = {
𝑅𝑏,𝑟𝑒𝑓

ℎ

𝑟
;   𝑖𝑓 𝑎𝑓𝑡𝑒𝑟 𝑏𝑟𝑎𝑛𝑐ℎ𝑖𝑛𝑔

0;   𝑜𝑡ℎ𝑒𝑟𝑤𝑖𝑠𝑒
 

Coefficients 𝜆𝑞 and 𝜆𝑝 are used as in the previously described arterial tree for arteries larger than 2 

mm (Abdolrazaghi et al., 2010). These values have been originally derived by Olufsen & Nadim (2004) 

as a second-order approximation of Navier-Stokes flow equations and are said to be applicable for 

arteries with radius less than 1.5 cm – which is satisfied for all segments. Note that there is no need 

to employ a different set of coefficients (representing only a first-order approximation) for arteries 

with radius below 2 mm as Abdolrazaghi et al. (2010) do. 

The total numerical coefficient in the inertance equation thus equals 1.332. It describes an assuming 

profile of the flow wave, for which 1 means a completely flat profile (as used in the first described tree 

by Ferrari et al. (2010)), which is obviously not the real case. 1.332 corresponds to values used by other 

authors – it is practically identical to 4/3 used by Stergiopulos et al. (1999) and originally derived by 

Jager et al. (1965). 

Neglecting non-linearities, arterial viscoelasticity, and non-real components of peripheral impedance 

leads to severe underestimation of arterial compliance, which can have significant effects (even 
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several tenths of mmHg), especially in distant parts of the tree (Segers et al., 1997). Therefore, using 

the original form of the compliance equation (i.e. with 𝑞𝐶  equal to 1.5) would be unwise. 

The modification used by Ferrari et al. (2000) as discovered and explained in the first described aortic 

model behaves surprisingly well. Perhaps, this match is not a coincidence and their undocumented 

variant of the equation is of a rational origin. 

Summary of the constants used in this tree model along with the origin of their values is listed in Table 

8. 

Constant Value Unit Origin 

𝝀𝒑 0.0392 – Literature (Olufsen) 

𝝀𝒒 0.2057 – Literature (Olufsen) 

𝒒𝑪 3.53 – Literature (Ferrari) 

𝑹𝒃,𝒓𝒆𝒇 100 Pa s / ml Heuristic 

Table 8: Constants Used in the Derived Arterial Tree Model 

2.4) Heart supports 

Finally, intra-aortic balloon pump and extra-corporeal membrane oxygenation have been 

incorporated into the model. 

2.4.1) IABP 

The balloon pump has been implemented according to Schampaert et al. (2013). It is based on 

representation of the pump as an additional compliance object, which is connected in parallel to the 

compliance in each relevant aortic segment and terminated with a pressure control (instead of being 

grounded). The compliance value is not mentioned in the paper, however, the balloon is expected to 

be rather stiff. Therefore, it has been scaled 0.1 times comparing to the segment compliance. 

Pressure inside the balloon oscillates between 𝑝𝐼𝐴𝐵𝑃,𝑖𝑛𝑓  when fully inflated and 𝑝𝐼𝐴𝐵𝑃,𝑑𝑒𝑓  when 

deflated. Transition between both phases occurs linearly throughout the interval 𝜏. 

d𝑝𝐼𝐴𝐵𝑃
d𝑡

=

{
 
 

 
 
𝑝𝐼𝐴𝐵𝑃,𝑖𝑛𝑓 − 𝑝𝐼𝐴𝐵𝑃,𝑑𝑒𝑓

𝜏
;   𝑤ℎ𝑒𝑛 𝑖𝑛𝑓𝑙𝑎𝑡𝑖𝑛𝑔

𝑝𝐼𝐴𝐵𝑃,𝑑𝑒𝑓 − 𝑝𝐼𝐴𝐵𝑃,𝑖𝑛𝑓

𝜏
;   𝑤ℎ𝑒𝑛 𝑑𝑒𝑓𝑙𝑎𝑡𝑖𝑛𝑔

0;   𝑜𝑡ℎ𝑒𝑟𝑤𝑖𝑠𝑒

 

Also, the balloon radius 𝑟𝐼𝐴𝐵𝑃 is linearly dependent on the balloon pressure, therefore: 

d𝑟𝐼𝐴𝐵𝑃
d𝑡

=

{
 
 

 
 
𝑟𝐼𝐴𝐵𝑃,𝑖𝑛𝑓 − 𝑟𝐼𝐴𝐵𝑃,𝑑𝑒𝑓

𝜏
;   𝑤ℎ𝑒𝑛 𝑖𝑛𝑓𝑙𝑎𝑡𝑖𝑛𝑔

𝑟𝐼𝐴𝐵𝑃,𝑑𝑒𝑓 − 𝑟𝐼𝐴𝐵𝑃,𝑖𝑛𝑓

𝜏
;   𝑤ℎ𝑒𝑛 𝑑𝑒𝑓𝑙𝑎𝑡𝑖𝑛𝑔

0;   𝑜𝑡ℎ𝑒𝑟𝑤𝑖𝑠𝑒

 

Furthermore, original values of resistance and inertance in concerning segments needs to be modified 

with respect to the immediate radius of the balloon (with 𝜉 denoting its proportion to the segment 

radius): 
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𝑅 =
𝑅𝑜𝑟𝑖𝑔𝑖𝑛𝑎𝑙

1 − 𝜉4 −
(1 − 𝜉2)2

ln (𝜉)

 

𝐿 =
𝐿𝑜𝑟𝑖𝑔𝑖𝑛𝑎𝑙

1 − 𝜉2
 

𝜉 =
𝑟𝐼𝐴𝐵𝑃
𝑟

 

IABP has been installed into the complex arterial tree derived in the previous section, affecting four 

aortic segments. Placement and dimensions of the pump (resulting in the length of 20.9 cm and 

volume 42 ml) have been selected to correspond with real devices as stated by Krishna & Zacharowski 

(2009). Balloon pressure and duration of phase transition are given by Schampaert et al. (2013). Values 

of the constants are listed in Table 9. 

Constant Value Unit 

𝒑𝑰𝑨𝑩𝑷,𝒅𝒆𝒇 -200 mmHg 

𝒑𝑰𝑨𝑩𝑷,𝒊𝒏𝒇 200 mmHg 

𝒓𝑰𝑨𝑩𝑷,𝒅𝒆𝒇 0.5 mm 

𝒓𝑰𝑨𝑩𝑷,𝒊𝒏𝒇 8 mm 

𝝉 80 ms 

Table 9: Constants Used in the IABP Model 

Time points of inflation and deflation phases can be set with respect to the cardiac cycle. 

2.4.2) ECMO 

No lumped parameter model for a pulsatile ECMO device has been found in literature. Therefore, an 

own simplified version has been designed, which should be flexible enough for desired purposes while 

maintaining its basic characteristics comparable to real data. 

The model can be parametrized by setting a reference mean flow 𝑞𝑚𝑒𝑎𝑛,𝑟𝑒𝑓  and indicator of 

pulsatility. If using pulsatile ECMO, the duration of a pulse, cycle period, and time delay with respect 

to the period need to be specified. 

Focusing on the inner structure, there are two basic units – a pump and an oxygenator – and three 

connective tubes (one 20cm long interconnecting the pump and the oxygenator and two 50cm long 

for connection to a patient, each with a diameter of 1 cm). The tubes are considered resistive only, 

following the same Poiseuille equation as defined earlier: 

𝑅 = 8
𝜇𝑙

𝜋𝑟4
 

Both ends of the circuit are connected to resistive segments simulating cannulas (with length 15 cm, 

outer diameter 7 mm, and inner diameter 5 mm – based on Royal Children's Hospital – Victorian 

Paediatric Cardiac Surgical Unit (2004)) and ideal valves to prevent backward blood flow. The complete 

structure is schemed in Figure 6. 



Model Description 

- 32 - 
 

 

Figure 6: Modelica Scheme of Designed ECMO Model 

The oxygenator module is modeled as a bunch of 80000 fibers with a diameter of 200 µm, wall 

thickness 50 µm, and length 15 cm. The dimensions are based on Kawahito et al. (2002) and the count 

of fibers has been selected so that pressure drop over the oxygenator is 110 mmHg for a blood flow 

of 4.5 l/min as measured by Gu et al. (2002) (which can be, however, very variable among different 

oxygenator devices). 

The pump is located before the oxygenator, supplying additional pressure 𝑝𝐸𝐶𝑀𝑂 to the input pressure 

according to an adaptation coefficient 𝑎𝜀  and a difference between reference flow 𝑞𝑟𝑒𝑓 and 

immediate flow 𝑞 through the ECMO circuit: 

d𝑝𝐸𝐶𝑀𝑂
d𝑡

= 𝑎𝜀(𝑞𝑟𝑒𝑓 − 𝑞) 

The coefficient 𝑎𝜀 has been set to 4 kPa/ml so as to delay the adaptation process a little, in an attempt 

to simulate real flow non-idealities (should the pump pressure really be flow controlled, the delay 

would represent the time needed for blood flow measurements, signal transmission, signal 

processing, and performing pump pressure change). 

Reference flow 𝑞𝑟𝑒𝑓 depends on pulsatility of the ECMO device. In case of pulsatile flow, pulses with 

the duration 𝜏𝑝 are modeled either as square pulses (i.e. repeated switching the pump on and off) or 

as a parabola parametrized by peak reference flow 𝑞𝑚𝑎𝑥,𝑟𝑒𝑓 and scaling coefficient 𝑠𝑞: 

𝑞𝑟𝑒𝑓 =

{
  
 

  
 

𝑞𝑚𝑒𝑎𝑛,𝑟𝑒𝑓;   𝑖𝑓 𝑛𝑜𝑡 𝑝𝑢𝑙𝑠𝑎𝑡𝑖𝑙𝑒

{
𝑞𝑚𝑎𝑥,𝑟𝑒𝑓

𝑡𝑐
𝜏𝑝
;   𝑖𝑓 𝑡 ≤ 𝜏𝑝

                    0;   𝑖𝑓 𝑡 >  𝜏𝑝

;   𝑖𝑓 𝑠𝑞𝑢𝑎𝑟𝑒 𝑝𝑢𝑙𝑠𝑒𝑠

max(0, 𝑞𝑚𝑎𝑥,𝑟𝑒𝑓 − 𝑠𝑞 (𝑡 −
𝜏𝑝
2 )

2

) ;   𝑖𝑓 𝑝𝑎𝑟𝑎𝑏𝑜𝑙𝑖𝑐 𝑝𝑢𝑙𝑠𝑒𝑠

 

Both parabola parameters can be found by solving for the following equations ensuring that the mean 

flow corresponds to the reference mean flow (with 𝑡𝑐 being the cycle period): 

𝑞𝑚𝑎𝑥,𝑟𝑒𝑓 = 𝑠𝑞 (
𝜏𝑝
2
)
2
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𝑞𝑚𝑒𝑎𝑛,𝑟𝑒𝑓 =
∫ 𝑞𝑚𝑎𝑥,𝑟𝑒𝑓 − 𝑠𝑞 (𝑡 −

𝜏𝑝
2 )

2

 d𝑡
𝜏𝑝
𝑡=0

𝑡𝑐
 

The ECMO is attached to the cardiovascular circuit in the veno-arterial mode, i.e. draining from the 

end of systemic veins (corresponding to inferior vena cava) and injecting into one of supported 

locations – ascending aorta, aortic arch (for either of two segments), and thoracic aorta (for either of 

two segments). This is, however, valid only for arterial trees; simpler versions of systemic arteries are 

always connected via ascending aorta. In addition, extra resistance in the cannulated arterial segment 

is considered (in case of the derived tree only) according to insertion depth of the cannula (set to 7 

mm). 

By default, the ECMO device is deactivated. 

2.5) Putting it Together 

The model architecture has been designed in the spirit of object-oriented programing. Via the 

mechanism of inheritance, unnecessary code repetitions have been avoided and model components 

can be maintained more easily (see Appendix I for a class diagram of the main package). 

2.5.1) System Integration 

Interoperability between components is accomplished by Modelica connectors – special interfaces, 

which impose equality constraints within a group of interconnected connectors. In total, three types 

of connectors are used, all of them being inherited from a basic hydraulic connector in Physiolibrary, 

enforcing equality of pressures and equality between blood inflow and outflow. The three connectors 

differ only in their semantics and graphical representation, facilitating orientation in a visual editor. 

See an example with the model of heart in Figure 7. 

All components encapsulate their logic with an exception of adaptation equations; the entire 

adaptation process is controlled centrally from the main model “Cardio”. This class contains all 

submodels assembled together and provides an entry-point for simulations. 

2.5.2) Cardiac Indicators 

In addition, the main model monitors a set of basic cardiac indicators (see Table 10) evaluated after 

each cardiac cycle. For assessment of energetic performance of the heart, cardiac power output has 

been selected due to its high predictive power with respect to a future treatment outcome, especially 

survivability, comparing to other indicators – see Fincke et al. (2004), Mendoza et al. (2007), and Lang 

et. al (2009). 

Cardiac power output and stroke work are calculated in two variants – first, according to a mean aortic 

pressure as a non-invasive estimate, and second, according to a mean pressure in the left ventricle 

during the ejection phase. This approach should be more reliable, since the former tends to 

underestimate the real exerted work and power Klabunde (2014). 
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Figure 7: Modelica Scheme of Heart 

Connectors of inner parts (coronaries, ventricles, atria, and valves including psudo-valves for atria 

venous inlets) are linked with red and dark-red-purple lines. The four big connectors at the top allows 

for connection to the outside environment (vessel blocks). 

Variable Indicator 

HR Heart rate 

MAP Mean aortic pressure 

SVol Stroke volume 

CO Cardiac output 

SWest Stroke work (estimate) 

SW Stroke work 

CPOest Cardiac power output (estimate) 

CPO Cardiac power output 

Table 10: List of Computed Cardiac Indicators 

Still, these indicators consider only mechanical energy exerted by the heart, not other forms (chemical 

energy, transferred heat etc.) neither real oxygen consumption, as these domains are not 

comprehended by the current version. 

2.5.3) Graphical User Interface 

Inner appearance of the main model is captured in Figure 8. 
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The component of systemic arteries is “replaceable” (a Modelica keyword allowing for polymorphism) 

and can be changed by right clicking on the component and following the context menu path “Change 

Class…” → ”All Matching Choices” → and selecting the desired realization (using Dymola 2014 or 

2015); see Figure 9. 

 

Figure 8: Modelica Scheme of the Main Model 

 

Figure 9: Selecting Component of Systemic Arteries 
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All other configuration is available in the Settings block, parametrized by four types of settings: 

 Condition – global hemodynamic reference values, some pathologies, and adaptation 

 Supports – settings for ECMO and IABP 

 Initialization – specific parameters for individual instances of components 

 Constants – relatively fixed values used across more instances 

For each type, a pre-defined set of parameters can be selected from a drop box menu and further 

adjusted (see Figures 10 and 11).  Parameters prefixed with “_DT_” are only supported by the derived 

tree version of systemic arteries. Complete overview of parameters is listed in the model 

documentation (see Appendix II for more information). 

Alternatively, specific settings may be stored into the model code by inheriting from one of the pre-

defined set or its base class and rewriting desired parameters. Afterwards, this new option will 

automatically appear in the selection menu. In a similar manner, new types of systemic arteries may 

be incorporated into the model. 

 

Figure 10: Selecting Settings from Pre-Defined Sets 
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Figure 11: Adjusting Pre-Defined Settings 
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3) SIMULATIONS 

After the entire model was constructed, it could be further investigated with regard to its physiological 

plausibility. 

3.1) Model Preparation 

First, original initial values for model components were adopted from the CircAdapt system 

(Maastricht University – Department of Biomedical Engineering, 2013). Nevertheless, for the model 

not being identical to CircAdapt but rather being a composition of various different models, the model 

was initiated in the adaptation protocol mode to properly adjust for the modifications. 

A convergence was found in 340 seconds of simulated time. Thereafter, the simulated data were 

exported and processed with an auxiliary script for the MATLAB / GNU Octave environment (attached 

in Appendix III) to extract adapted parameters and create a new Modelica class with this settings, 

which can be simply copied into the model code. More precisely, due to an incompatibility in the data 

format for large files6, the simulation was continued (via the “Continue” item in menu) for a short 

period of time and this data were exported and processed. 

The adaptation, as captured with respect to aortic pressure, is depicted in Chart 1. 

 
Chart 1: Aortic Pressure During the Process of Adaptation 

                                                           
6 Dymola can export and import in the *.mat format; for large data, however, neither MATLAB nor GNU Octave 
can read such files despite using 64-bit versions. 
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Note the alternation of adapting phases for rest (with a lower pressure range) and exercise (with a 

higher pressure range). The peaks are caused by a sudden change in the phase and are followed by a 

period of stabilization before continuing with the adaptation. 

However, after running a new simulation with the adapted settings and no adaptation enabled, the 

results were not in a direct correspondence with the converged solution. Based on this, it can be 

inferred that the inner state of the model (represented by state variables, which are changing 

continuously during a simulation – as opposed to parameters and constants) was consequential to 

preservation of the convergence and changes in the adapted parameters were overestimated. 

A second run of the adaptation protocol (applied to the model with initial settings set to those found 

in the first pass) was much more satisfactory; using these adapted parameters, results of a new 

simulation with the adaptation disabled correspond to the converged solution. 

The adapted parameters have been set as default. No dramatic changes have occurred during 

adaptation; noticeable modifications include increase in reference pressure of pulmonary veins from 

ca. 2.5 mmHg to 5.5 mmHg. Both sets – original and adapted – are presented in the model 

documentation (see Appendix II for more information). 

3.2) Physiological Condition 

The initial simulation was performed with the default settings for a physiological condition at rest with 

a minimal adaptation, i.e. adjusting capillary resistance to the blood flow. 

3.2.1) Basic Setup 

In this setting, the original component for systemic arteries was used. 

Ventricular and arterial pressure waveforms (Chart 2) appear very realistic. The aortic pressure ranges 

between approximately 70 and 125 mmHg and the dicrotic notch is visible (although minute). Arterial 

pressures copy the wave of their ventricle until their valves close. 
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Chart 2: Pressure in Ventricles and Arteries (Physiological) 

 

Pressure in atria and veins (Chart 3) correlate, since they are connected. Peak pressure is slightly below 

9 mmHg in left atrium and around 4 mmHg in right atrium. There are two peaks during one heartbeat 

– one for atrial contraction (which precedes ventricular contraction for about 150 ms) and one for 

incoming wave from veins. 

 
Chart 3: Pressure in Atria and Veins (Physiological) 
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Ventricular volume (Chart 4) is 15 ml higher in left ventricle with stroke volume around 75 ml. There 

is a clear convex pattern before reaching a peak volume caused by additional influx with higher 

pressure during atrial contraction. 

 
Chart 4: Ventricular Volume (Physiological) 

Length of sarcomeres in ventricular walls (Chart 5) correlates with ventricular filling. Sarcomeres in 

the sepal wall are almost identical to those in the left wall. 

 
Chart 5: Sarcomere Length in Ventricles (Physiological) 
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Myofiber stress in ventricular walls (Chart 6) consists mostly of the active compound caused by fiber 

contractions and is higher in the left wall. Peaks in active stress correspond to systole whereas peaks 

in passive stress reflect ventricle diastole, as the passive stress is caused by fiber stretching. 

 
Chart 6: Myofiber Stress in Ventricles (Physiological) 

Sarcomere length in atria (Chart 7) is in the similar range as in case of ventricles. Left atrium is being 

stretched a little more. 

 
Chart 7: Sarcomere Length in Atria (Physiological) 
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In contrast to ventricles, the main compound of myofiber stress in atria (Chart 8) is the passive stress, 

illustrating higher sensitivity of atrial fibers to stretch (Arts et al., 2004). The decomposition into 

passive and active compound also explains both peaks in atria pressure waveforms as seen in Chart 3. 

 
Chart 8: Myofiber Stress in Atria (Physiological) 

Blood flow through valves of left ventricle (LV) (Chart 9) illustrates the systolic (flow through the aortic 

valve) and diastolic (flow through the mitral valve) period. Note the little backward flux before the 

aortic valve closes reflecting a (pressure-dependent) closing time interval. 

 
Chart 9: Flow Through LV Valves (Physiological) 
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The situation in valves of the right ventricle (RV) (Chart 10) is similar. 

 
Chart 10: Flow Through RV Valves (Physiological) 

Pericardial pressure (Chart 11) increases during fiber contraction – the first peak corresponds to the 

atrial contraction while the second, more intensive mirrors the ventricular contraction. 

 
Chart 11: Pericardial Pressure (Physiological) 
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Coronary myocardial pressure and intramyocardial pressure in left ventricle (Chart 12) are closely 

correlated together and to ventricular pressure. It is in accordance with the results of the original 

coronary model of Bovendeerd et al. (2006). 

 
Chart 12: Coronary and Intramyocardial Pressure (Physiological) 

Flow through coronary arteries (Chart 13) is higher during heart diastole, which is also physiologically 

valid and explained by variations in radius of myocardial vessels rather than their pressure gradient 

(Bovendeerd et al., 2006). 

 
Chart 13: Coronary Flow (Physiological) 
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Monitored cardiologic indicators are summarized in Table 11. Note that the estimates of stroke work 

and cardiac power output are underestimated as expected. 

Indicator Value Unit 

HR 71 bpm 

MAP 94 mmHg 

SVol 74 ml 

CO 5223 ml/min 

SWest 0.92 J 

SW 1.12 J 

CPOest 1.09 W 

CPO 1.32 W 

Table 11: Values of Cardiac Indicators in Physiological Settings 

3.2.2) ECMO Pulses 

After connecting to the ECMO device with reference mean flow 5 l/min, the differences between pulse 

types and between reference (ideal) and resulting flow can be compared (Chart 14). Distortion is 

present in all three cases although the total impact on mean flow is negligible. Effects of ECMO on the 

cardiovascular system are examined later (Section 3.6). 

 
Chart 14: ECMO Pulses 

Dashed lines – computed reference flow, Full line – resulting flow through ECMO 

3.2.3) Substituting Models of Systemic Arteries 

Afterwards, the original component of systemic arteries was replaced by the other models and the 

resulting aortic pressure waveform was compared with the original one. 
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The first windkessel model (Chart 15), defined by Stergiopulos et al. (1999), performs very attractively. 

The pressure ranges between 80 and 130 and the dicrotic notch is more visible than in the original 

model. 

 
Chart 15: Aortic Pressure using Windkessel Model by Stergiopulos (Physiological) 

The second windkessel model (Chart 16), adopted from Physiolibrary (Institute of Pathological 

Physiology, Charles University in Prague, 2015), reaches the same pressure range in aorta although 

the dicrotich notch is not apparent. 

 
Chart 16: Aortic Pressure using Physiolibrary Windkessel Model (Physiological) 
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The model of aorta constructed by Ferrari et al. (2000) (Chart 17) performs rather disappointingly. 

There are high pressure reflections in both ascending and abdominal aorta and the overall waveform 

is not in correspondence with their results. This can be explained by assuming that resistive elements 

connected to the aortic core include all capillary resistance, effectively leading to its duplication in the 

scope of the model. 

 
Chart 17: Aortic Pressure using Simple Aortic Model (Physiological) 

After an adjustment in the resistance of peripheral elements (decrease by 75 %), the waveforms (Chart 

18) correspond to those presented in the original paper (Ferrari et al., 2000) although there are still a 

little higher (especially abdominal aorta). The wave amplification in abdominal aorta reaches almost 

40 mmHg, which is not entirely feasible. It can be concluded that this model of aorta is not fully 

compatible with the whole model. 
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Chart 18: Aortic Pressure using Aortic Model with Adjusted Resistance (Physiological) 

The arterial tree by Abdolrazaghi et al. (2010) (Chart 19) is of a valid pressure range between 70 and 

125 mmHg in aorta and with 10mmHg amplification in femoral artery. The shape of aorta pressure 

waveform is, however, not nearly ideal – although, in fact, it is completely identical to the results in 

their paper. 

 
Chart 19: Aortic and Femoral Pressure using Simple Arterial Tree (Physiological) 
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The derived tree based on physiological arterial dimensions listed by Avolio (1980) (Chart 20) also 

exhibits a common physiological condition with a pressure range between 80 and 130 mmHg in aorta 

and between 75 and 140 mmHg in other parts of the tree. 

There is a small notch caused by closure of the aortic valve (located slightly below 110 mmHg) and a 

more apparent dicrotic notch caused by a wave reflection from distant parts of the tree. It might be 

seen as a little exaggerated, which can result from simplifications in modeling branching resistance. 

Pressure in femoral artery is amplified by 10 mmHg. Similarly, there is a pressure difference between 

left and right common carotid around 10 mmHg, which can be also attributed to the simplified 

branching resistance. 

 
Chart 20: Pressure Waveforms using Derived Arterial Tree (Physiological) 
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remaining two trees, the complex derived tree was selected for its more attractive pressure curves 

across the tree. 
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3.3) Pathological Conditions I: Blood Volume and Heart Contractility 

After examination of the model behavior for the physiological state and selection of the most 

promising arterial tree, various pathological conditions were simulated and explored with the main 

emphasis on their qualitative impact. 

All simulations employ the derived arterial tree and the resting condition with minimal adaptation 

(capillary resistance adjustments) unless stated otherwise. 

3.3.1) Hypovolemia  

In this condition, the total (stressed) blood volume was gradually decreased from 100 % to 50 % by 

10% steps, simulating acute bleeding. 

Aortic pressure (Chart 21) is decreasing with virtually equidistant pressure drops. 

 
Chart 21: Aortic Pressure (Hypovolemia) 
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Similarly, pressure in pulmonary veins (Chart 22) is also dropping. 

 
Chart 22: Pulmonary Veins Pressure (Hypovolemia) 

 

Left ventricular volume as well as pressure (Chart 23) steadily declines. The ventricle is less filled during 

diastole although it is contracting more due to low afterload. 

 
Chart 23: LV p-V Diagram (Hypovolemia) 
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In right ventricle, the filling volume is also dropping (Chart 24) while the end-systolic volume is 

increasing, meaning less intense contractions. 

 
Chart 24: RV p-V Diagram (Hypovolemia) 

 

Stroke volume and mean aortic pressure (Chart 25) are decreasing linearly. 

 
Chart 25: Stroke Volume and Mean Aortic Pressure (Hypovolemia) 
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Sarcomere length in the left heart wall (LW) (Chart 26) is stretching less, which is related to the low 

diastolic filling. 

 
Chart 26: LW Sarcomere Length (Hypovolemia) 

 

Fiber stress in the left ventricular wall (Chart 27) is falling – the contraction is much less intensive. 

 

Chart 27: LW Myofiber Stress (Hypovolemia) 
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Cardiac power output and stroke work (Chart 28) are decreasing – less stroke volume means less 

hemodynamic work done and less power exerted. 

 
Chart 28: Cardiac Power Output and Stroke Work (Hypovolemia) 

Plotting cardiac output in relation to end-diastolic myocardial wall stress (Chart 29), i.e. preload as 

defined by Norton (2001), results in almost linear relationship. This curve is known as a cardiac 

function curve –higher preload leads to higher cardiac output. 

 
Chart 29: Preload and Cardiac Output Dependency (Hypovolemia) 
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3.3.2) Hypovolemia with Regulated Response 

In the previous scenario, no body response to the condition was considered. In reality, when a large 

volume of blood is lost (and the subject is still living), the autonomic nervous system will react by 

increasing heart rate to maintain proper blood circulation and by vasoconstriction in an attempt to 

prevent from further blood loss. 

This scenario is described and simulated in Dassen et al. (2011). Although the exact values are not 

mentioned, the settings used here involve double increase in both heart rate and reference systemic 

resistance in response to loss of 50 % of blood volume. 

As a result, aortic pressure (Chart 30) is improved to values around 100 mmHg although with relatively 

small differences between systolic and diastolic pressure. This is typical for a shock condition. 

 
Chart 30: Aortic Pressure (Hypovolemia with Body Response) 
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The p-V diagram of left ventricle (Chart 31) shows a decrease in the stroke volume. 

 
Chart 31: LV p-V Diagram (Hypovolemia with Body Response) 

 

Filling of the right ventricle (Chart 32) is further reduced. 

 
Chart 32: RV p-V Diagram (Hypovolemia with Body Response) 
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Changes in the sarcomere length of the left wall (Chart 33) are minimal due to shorter contractions. 

 
Chart 33: LW Sarcomere Length (Hypovolemia with Body Response) 

 

Flow through systemic capillaries (Chart 34) is very reduced. 

 
Chart 34: Capillary Flow (Hypovolemia with Body Response) 
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Flow through brachiocephalic artery (Chart 35) remains relatively unchanged. 

 
Chart 35: Brachiocephalic Artery Flow (Hypovolemia with Body Response) 

 

However, coronary blood flow (Chart 36) returns to the initial value (approximately). 

 
Chart 36: Coronary Flow (Hypovolemia with Body Response) 

Stroke work is further decreased but cardiac power output has raised due to the higher heart rate 

(Chart 37). 
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Chart 37: Cardiac Power Output and Stroke Work (Hypovolemia with Body Response) 

3.3.3) Left Heart Disease 

For this scenario, the left ventricular wall contractility was reduced by 10% steps down to 30 %, 

diminishing the ability of left ventricle to actively contract. 

The aortic pressure (Chart 38) is decreasing with non-equidistant drops. 

 
Chart 38: Aortic Pressure (Left Heart Disease) 
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Left ventricle exerts less pressure and is unable to pump all of its volume out, and consequently, a 

large volume of blood remains inside (Chart 39). 

 
Chart 39: LV p-V Diagram (Left Heart Disease) 

 

Unlike the previous case with hypovolemia, pressure in pulmonary veins (Chart 40) is increasing, as it 

cannot easily output to the left heart. 

 
Chart 40: Pulmonary Veins Pressure (Left Heart Disease) 
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Right ventricle is less filled during diastole (Chart 41) and is also less contracted. 

 
Chart 41: RV p-V Diagram (Left Heart Disease) 

 

Sarcomeres in the left wall (Chart 42) are elongated, which is related to its large filling volume. 

 
Chart 42: LW Sarcomere Length (Left Heart Disease) 
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Cardiac power output and stroke work (Chart 43) are decreasing – at a low rate first and then 

significantly. 

 
Chart 43: Cardiac Power Output and Stroke Work (Left Heart Disease) 

Plotting cardiac output against preload (Chart 44) leads – in this scenario – to a decreasing 

dependency. This curve is known as a venous return curve – the weakened ventricle retains blood, 

pressure in left atrium is higher, and as a result, venous return drops. Note that the circuit is closed 

and stabilized; therefore, venous return and cardiac output are equal. 

 
Chart 44: Preload and Cardiac Output Dependency (Left Heart Disease) 
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3.3.4) Right Heart Disease 

This case is similar to the previous scenario, only the right wall is now weakened whereas the left wall 

remains healthy. 

Blood is being retained in the right ventricle (Chart 45). 

 
Chart 45: RV p-V Diagram (Right Heart Disease) 

On the other hand, the left ventricle diastolic filling is significantly reduced (Chart 46). 

 
Chart 46: LV p-V Diagram (Right Heart Disease) 
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The venous return curve (Chart 47) is also clearly visible – now plotted cardiac output in relation to 

end-diastolic volume of the right atrium (EDV-RA) (using end-diastolic volume is a valid substitution 

for the “proper” preload (intramyocardial wall stress), since they are correlated). 

 
Chart 47: Cardiac Output and EDV-RA Dependency (Right Heart Disease) 

3.3.5) Combining Hypovolemia and Left Heart Disease 

Plotting working equilibria of 30 states with both reduced blood volume and left heart wall 

contractility (with the sepal wall still intact), venous return curves for different blood volumes are 

obtained (Chart 48). The curves are moved towards the point of origin (lower cardiac output and lower 

preload) in approximately equidistant shifts. 

Alternatively, cardiac function curves may be illustrated for various contractility levels (Chart 49). The 

curves are shifted while their slope declines. 

3.3.6) Summary 

A drop in the blood volume leads to lower ventricle filling during diastole, lower stretching of 

sarcomeres, which is in turn connected with a lower sarcomere contraction and lower stroke volume 

and cardiac output. This is in accordance with the Frank-Starling law. 

When considering a body response, the vital functions (coronary blood flow, arterial pressure) were 

significantly improved although the flow through capillaries is further reduced. This seems very real. 

Simulations of a ventricular malfunction result in retaining a higher blood volume in the affected 

ventricle, followed by local hypertension. 
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Chart 48: Emergence of Venous Return Curves (Hypovolemia and Contractility) 

 

 
Chart 49: Emergence of Cardiac Function Curves (Hypovolemia and Contractility) 

Cardiac function and venous return curves are very close to encyclopedic drawings (Figure 12). 

Decrease in blood volume and contractility (inotropic effect) were simulated only. Therefore, the 

upper parts of the curves are not visible. Note that the curves are extrapolated only via working 

equilibria, which means that adjusting blood volume can reveal the cardiac function curve while 

changes to contractility disclose the venous return curve. However, the cardiac function curve points 
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to the origin, leading to difficulties in finding a working equilibrium for the upper parts of the venous 

return curve. 

 

Figure 12: Cardiac Function and Venous Return Curves 

Source: Wikimedia Foundation (2010) 
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3.4) Pathological Conditions II: Arterial Tree Pathologies 

In these simulations, effects of increased stiffness of systemic arteries and stenosis in aortic arch were 

examined. 

3.4.1) Arterial Stiffness 

For this scenario, stiffness (the inverse of compliance) was gradually raising up to 300 % by 50% 

increments for each arterial segment. 

Aortic pressure (Chart 50) is elevated as a result of earlier reflections within the tree, which is losing 

its flexibility. 

 
Chart 50: Aortic Pressure (Stiffness) 
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Left ventricle is retaining more blood (Chart 51). 

 
Chart 51: LV p-V Diagram (Stiffness) 

 

The situation in the right ventricle (Chart 52) remains almost unchanged. 

 
Chart 52: RV p-V Diagram (Stiffness) 
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Length of sarcomeres in the left wall (Chart 53) is a little higher, which corresponds to the higher 

volumes throughout the cardiac cycle. 

 
Chart 53: LW Sarcomere Length (Stiffness) 

 

Cardiac power output and stroke work (Chart 54) significantly increase. The heart exerts more energy 

to overcome the higher preload. 

 
Chart 54: Cardiac Power Output and Stroke Work (Stiffness) 
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Coronary blood flow (Chart 55) is slightly elevated during systole and at the beginning of diastole. In 

the second part of diastole, the flow is decreased. 

 
Chart 55: Coronary Flow (Stiffness) 

 

Cardiac output increases together with elevated preload (Chart 56). This line forms the upper part of 

the cardiac function curve – note the characteristic plateau at the end of the curve. 

 
Chart 56: Cardiac Output and Preload Dependency (Stiffness) 
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3.4.2) Stiffness and Chronic Adaptation 

As the high arterial stiffness tends to be a chronic condition, the adaptation protocol was applied 

despite a danger of instability, since the derived tree is not adaptable (which may negatively affect the 

integrity of the process of adaptation). The considered case is stiffness scaled to 250 %. 

Aortic pressure (Chart 57) remains nearly unchanged. The pressure peak is smoothen, resulting in 5 – 

10 mmHg lower systolic pressure. 

 
Chart 57: Aortic Pressure (Stiffness and Chronic Adaptation) 
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Pressure in the left ventricle remains elevated whereas filling volume has returned back to normal 

(Chart 58). 

 
Chart 58: LV p-V Diagram (Stiffness and Chronic Adaptation) 

 

Cardiac power output and stroke work (Chart 59) are decreased only little and remain elevated. 

 
Chart 59: Cardiac Power Output and Stroke Work (Stiffness and Chronic Adaptation) 

  

40 60 80 100 120 140 160 180
0

20

40

60

80

100

120

140

160

LV Volume [ml]

L
V

 P
re

s
s
u
re

 [
m

m
H

g
]

 

 

Normal

Arterial Stiffness

Chronic Adaptation

Condition:

Normal Arterial Stiffness Chronic Adaptation
1.1

1.2

1.3

1.4

1.5

1.6

1.7

1.8

1.9

2

2.1

Condition

 

 

CPO [W]

CPO est. [W]

SW [J]

SW est. [J]



Simulations 

- 76 - 
 

3.4.3) Aortic Stenosis 

A second simulated pathology of the arterial tree is stenosis in aortic arch, ranging from 0 up to 50 % 

by 10% increments. This portion of radius of both arch segments is changed to the vessel wall. 

Aortic pressure patterns (Chart 60) indicate progressive hypertension as in the previous scenario. The 

wave reflection is, however, not the cause.  The reflection is in fact dampened, as it cannot easily 

transmit through the arch constriction back to ascending aorta. The pressure peak is caused by initial 

surge into the constriction and slower propagation beyond. 

 
Chart 60: Aortic Pressure (Stenosis) 
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Left ventricular filling volume (Chart 61) is slightly elevated. 

 
Chart 61: LV p-V Diagram (Stenosis) 

Cardiac power output and stroke work (Chart 62) are increased; the heart needs more energy to pump 

through the stenotic segments. Here, the estimated values based on mean arterial pressure are biased 

because of only slight variations in mean arterial pressure (which is elevated during systole but 

reduced during diastole – but the diastolic part is not relevant with respect to cardiac work and 

power). 

 
Chart 62: Cardiac Power Output and Stroke Work (Stenosis) 
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Flow through thoracic aorta (Chart 63) is reduced due to the constriction. 

 
Chart 63: Thoracic Aorta Flow (Stenosis) 

 

On the other hand, blood flow through brachiocephalic artery (Chart 64) is increased, since it is 

connected into the middle of aortic arch so the blood can easily flow through this artery rather than 

the second part of the constriction and farther continue through aorta. 

 
Chart 64: Brachiocephalic Artery Flow (Stenosis) 
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Coronary flow (Chart 65) is increased during systole only slightly. 

 
Chart 65: Coronary Flow (Stenosis) 

3.4.4) Summary 

As expected, the arterial stiffness leads to hypertension and urges the heart to exert more of 

mechanical work. The most notable changes during the adaptation process include 50% and higher 
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Aortic stenosis negatively affects cardiac energy requirements and distribution of blood flow through 
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3.5) Cardiac Supports I: Effects of IABP Settings 

Supposing decreased contractility of the left ventricle wall to the level of 50 %, IABP was applied – 

similarly as in Schampaert et al. (2013). The support device was examined with respect to balloon 

contra-pulsation timing. 

3.5.1) Inflation Timing 

First, start of inflation was synchronized with the location of dicrotic notch (Krishna & Zacharowski, 

2009), i.e. setting 570 ms. Thereafter, shifting in the inflation timing was simulated from -200 to +150 

ms with 50ms steps. 

Aortic pressure waveform (Chart 66) indicates decreased afterload (the systolic peak is lower), 

compensated by increased pressure during diastole (the second peak) due to contrapulsation. The 

latter effect is most prominent at the referential timing. Too early or late timings (-100 ms and less, 

100 ms and more) seems rather ineffective. 

 
Chart 66: Aortic Pressure (IABP Inflation Timing) 
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of blood from the left ventricle even though the systolic phase is already over and the heart exerts no 

further effort. When the pressure drop is small and the extra flow is minute, the mean ventricular 

pressure during ejection used for computation of the indicators is negatively affected (as in case of 

the -100ms timing). 

 
Chart 67: LV p-V Diagram (IABP Inflation Timing) 

 

 
Chart 68: Cardiac Power Output and Stroke Work (IABP Inflation Timing) 
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Stroke volume and mean aortic pressure (Chart 69) are increased with their maximum between -100 

ms and the referential timing. Earlier timings result in a faster decrease comparing to later timings. 

 
Chart 69: Stroke Volume and Mean Aortic Pressure (IABP Inflation Timing) 

 

Coronary flow increased (Chart 70), most notably with the referential timing. 

 
Chart 70: Coronary Flow (IABP Inflation Timing) 
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Flow through brachiocephalic artery (Chart 71) is a little increased during the diastole phase. In case 

of too early timings (-100 ms and less), however, there is strong backward outflow, leading to 

worsening the total flow. 

 
Chart 71: Brachiocephalic Artery Flow (IABP Inflation Timing) 

 

The situation is similar with flow through left common carotid (Chart 72). 

 
Chart 72: Left Common Carotid Flow (IABP Inflation Timing) 

412 412.2 412.4 412.6 412.8 413 413.2 413.4 413.6 413.8 414
-40

-20

0

20

40

60

80

100

120

Time [s]

B
ra

c
h
io

c
e
p
h
a
lic

 A
rt

e
ry

 F
lo

w
 [

m
l/
s
]

 

 

No IABP

-200 ms

-150 ms

-100 ms

-50 ms

Ref

+50 ms

+100 ms

+150 ms

Inflation Timing:

412 412.2 412.4 412.6 412.8 413 413.2 413.4 413.6 413.8 414
-10

-5

0

5

10

15

20

Time [s]

L
e
ft

 C
o
m

m
o
n
 C

a
ro

ti
d
 F

lo
w

 [
m

l/
s
]

 

 

No IABP

-200 ms

-150 ms

-100 ms

-50 ms

Ref

+50 ms

+100 ms

+150 ms

Inflation Timing:



Simulations 

- 84 - 
 

In abdominal aorta (Chart 73), the flow is also increased. The total flow does not seem to be dependent 

on the timing although the location of the additional flow peak caused by contrapulsation is correlated 

with the inflation timing. 

 
Chart 73: Abdominal Aorta Flow (IABP Inflation Timing) 

Cardiac output (Chart 74) is dependent on timing, with its peak at -50 ms and the referential timing. It 

is also correlated with preload. 

 
Chart 74: Cardiac Output and Preload Dependency (IABP Inflation Timing) 
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3.5.2) Deflation Timing 

The recommended setting for deflation is located at the end of diastole (Krishna & Zacharowski, 2009) 

– in this case 280 ms. Effects was studied on timings adjusted from -200 ms to +150 ms by 50ms steps. 

As in the inflation timing, the lowest systolic peak in ascending aorta (Chart 75), and highest end-

diastolic pressure, simultaneously, is attained at the referential timing. Delayed deflation leads to 

higher systolic pressure and preload. 

 
Chart 75: Aortic Pressure (IABP Deflation Timing) 
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Unlike inflation timing, the p-V diagram of left ventricle (Chart 76) indicates variations in afterload, 

which may be for delayed deflation timing even higher than if no IABP device is implanted. 

 
Chart 76: LV p-V Diagram (IABP Deflation Timing) 

 

Cardiac power output and stroke work (Chart 77) have similar tendencies (and biases) as in case of 

adjusting inflation timing. The minimum is found at -100ms timing. 

 
Chart 77: Cardiac Power Output and Stroke Work (IABP Deflation Timing) 
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Stroke volume and mean aortic pressure (Chart 78) reach maximum for -50 and -100ms timings. 

 
Chart 78: Stroke Volume and Mean Aortic Pressure (IABP Deflation Timing) 

 

Flow through coronary arteries (Chart 79) is not affected by deflation timing. 

 
Chart 79: Coronary Flow (IABP Deflation Timing) 
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Flow through brachiocephalic artery (Chart 80) may be lower for earlier deflation timings. 

 
Chart 80: Brachiocephalic Artery Flow (IABP Deflation Timing) 

 

On the other hand, flow through left common carotid (Chart 81) is higher for delayed timings and for 

the referential timing is minimal. 

 
Chart 81: Left Common Carotid Flow (IABP Deflation Timing) 
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Flow through abdominal aorta (Chart 82) is decreased for all timings. 

 
Chart 82: Abdominal Aorta Flow (IABP Deflation Timing) 

 

Maximal cardiac output and minimal preload (Chart 83) are realized with the timing between -50 and 

+50 ms. 

 
Chart 83: Cardiac Output and Preload Dependency (IABP Deflation Timing) 
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3.5.3) Summary 

When using IABP, the right inflation timing is important for improvements in blood flow into 

coronaries and arteries in the aortal arch by synchronization of its pulse with the incoming reflection 

wave, and thus, combining their pressure effect. Improper timing can, on the other hand, result in 

reduction of blood flow through vital organs. 

The deflation timing has impact on cardiac preload, for which the referential timing is optimal. The 

flow through left common carotid artery might be increased with later timings although it would be 

for the price of higher preload. 
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3.6) Cardiac Supports II: Effect of ECMO Settings 

Testing the ECMO support was performed with a scenario of failing heart with contractility decreased 

to 30 % in all walls including atria walls. 

3.6.1) Pulsatility and Placement 

ECMO was set to the mean referential flow of 5 l/min and connected to either ascending aorta (AA) 

or thoracic aorta (TA) in both pulsatile and non-pulsatile modes. The pulsatile mode was simulated 

with parabolic-like pulses (as demonstrated in Chart 14) and a default timing (0 with respect to the 

cardiac cycle). 

Aortal pressure waveform (Chart 84) appears to be recovered in the pulsatile mode. The systolic peak 

in ascending aorta is reduced in case of connection to thoracic aorta. The connection location is 

unimportant for the non-pulsatile mode. 

 
Chart 84: Aortic Pressure (ECMO Pulsatility and Placement) 

  

412 412.2 412.4 412.6 412.8 413 413.2 413.4 413.6 413.8 414
30

40

50

60

70

80

90

100

110

120

Time [s]

A
s
c
e
n
d
in

g
 A

o
rt

a
 P

re
s
s
u
re

 [
m

m
H

g
]

 

 

No ECMO

Non-pulsatile AA

Non-pulsatile TA

Pulsatile AA

Pulsatile TA

ECMO:



Simulations 

- 92 - 
 

Preload is almost doubled due to the pressure from the ECMO inflow (Chart 85), preventing the heart 

from ejection. 

 
Chart 85: LV p-V Diagram (ECMO Pulsatility and Placement) 

 

Sarcomeres (Chart 86) remain stretched, as the heart cannot pump and accumulates a larger volume 

of blood. 

 
Chart 86: LW Sarcomere Length (ECMO Pulsatility and Placement) 

80 90 100 110 120 130 140 150 160
0

10

20

30

40

50

60

70

80

90

100

LV Volume [ml]

L
V

 P
re

s
s
u
re

 [
m

m
H

g
]

 

 

No ECMO

Non-pulsatile AA

Non-pulsatile TA

Pulsatile AA

Pulsatile TA

ECMO:

412 412.2 412.4 412.6 412.8 413 413.2 413.4 413.6 413.8 414

1.9

1.95

2

2.05

2.1

2.15

2.2

Time [s]

L
W

 S
a
rc

o
m

e
re

 L
e
n
g
th

 [


m
]

 

 

No ECMO

Non-pulsatile AA

Non-pulsatile TA

Pulsatile AA

Pulsatile TA

ECMO:



Simulations 

- 93 - 
 

Stroke volume (Chart 87) is almost zero and the mean aortic pressure returns to around 90 mmHg. 

There are no larger differences between the ECMO settings. If connected to ascending aorta, stroke 

volume is a little higher comparing to insertion into thoracic aorta. 

 
Chart 87: Stroke Volume and Mean Aortic Pressure (ECMO Pulsatility and Placement) 

 

The trend in cardiac power output and stroke work (Chart 88) is similar to that of stroke volume. 

 
Chart 88: Cardiac Power Output and Stroke Work (ECMO Pulsatility and Placement) 
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Coronary flow (Chart 89) is improved in all cases. In case of the pulsatile ECMO connected to thoracic 

aorta, the improvement is a little lower. 

 
Chart 89: Coronary Flow (ECMO Pulsatility and Placement) 

 

Flow through brachiocephalic artery (Chart 90) is improved only for a connection to ascending aorta. 

Plugging into thoracic aorta results in significantly decreased flow regardless of the ECMO mode. 

 
Chart 90: Brachiocephalic Artery Flow (ECMO Pulsatility and Placement) 
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Flow pattern through left common carotid (Chart 91) exhibits the equivalent trend as for 

brachiocephalic artery. 

 
Chart 91: Left Common Carotid Flow (ECMO Pulsatility and Placement) 

 

Flow in abdominal aorta (Chart 92) is a little improved, the rise is more apparent in case of connecting 

to thoracic aorta. 

 
Chart 92: Abdominal Aorta Flow (ECMO Pulsatility and Placement) 
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3.6.2) Pulse Timing 

Investigating an effect of pulse timing was realized with the same settings as for the pulsatile ECMO 

connected to ascending aorta from the previous pathological scenario. The timing is referenced to the 

beginning of the cardiac cycle and adjusted with 100ms increments to cover the whole period. 

The aortic pressure waveforms (Chart 93) result from a combination of the ECMO pulse and the left 

ventricular systole. When synchronized with the dicrotic notch and the following wave reflection, the 

pressure peak is higher. 

 

 
Chart 93: Aortic Pressure (ECMO Pulse Timing) 
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The p-V diagrams of left ventricle (Chart 94) differ for each timing. Filling volumes and preload are 

higher for later timings. 

 
Chart 94: LV p-V Diagram (ECMO Pulse Timing) 

 

Cardiac power output and stroke work (Chart 95) range between 0 and 0.1 W or J, respectively. 

Pulsating in the middle of left ventricular diastole (timing -100 ms) prevents the heart from pumping. 

 
Chart 95: Cardiac Power Output and Stroke Work (ECMO Pulse Timing) 
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Stroke volume and mean aortic pressure (Chart 96) exhibit the same trend. The stroke volume ranges 

between 0 and 7 ml. 

 
Chart 96: Stroke Volume and Mean Aortic Pressure (ECMO Pulse Timing) 

Flow through various arteries (Figures 97 and 98) is also lower when the heart cannot eject against 

the ECMO pulse (-100 ms) and higher if the ECMO pulse is synchronized to the end of left ventricular 

systole (-300 ms). 

 
Chart 97: Mean Flow Through Main Arteries I (ECMO Pulse Timing) 
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Chart 98: Mean Flow Through Main Arteries II (ECMO Pulse Timing) 

 

The dependency of left ventricular preload and cardiac output (Chart 99) indicates a large variability 

across the individual timings – preload ranges between 4.5 and 8.5 mmHg and cardiac output can be 

adjusted between 0 and 450 ml. 

 
Chart 99: Cardiac Output and Preload Dependency (ECMO Pulse Timing) 
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Similarly for the preload of right ventricle represented by end-diastolic volume of right atrium (Chart 

100) although the preload is minimal for the referential timing and the curve is of the opposite 

direction (clockwise with respect to increasing timing). 

 
Chart 100: Cardiac Output and EDV-RA Dependency (ECMO Pulse Timing) 

3.6.3) Summary 

Connecting ECMO to thoracic aorta may have an inverse effect on the flow through the upper body 

including the brain. The pulsatile and non-pulsatile type of ECMO inflow is of no importance with 

respect to mean flow through arteries. The flow waveforms are, however, physiological in case of the 

pulsatile mode, which is not true for the non-pulsatile ECMO. This difference might have an impact. 

It has been illustrated that using the pulsatile ECMO device is superior to the non-pulsatile ECMO in 

terms of its flexibility. By adjusting the timing, the heart can be fully prevented from contraction and 

ejection or the stroke volume and cardiac output can be double comparing to the non-pulsatile mode 

while maintaining the same arterial mean flow. 

This could be practically applied, supposing a reliable synchronization with the cardiac cycle: Initially, 

the left ventricle would be completely stopped with respect to its ejection, protecting it from 

unnecessary energetic consumption and providing a more restful condition for its recovery. In later 

phases, the timing would be gradually shifted so that the heart could slowly adapt to a higher load 

before a decrease in the ECMO flow. 

Should the ECMO support be required for a long period, regular changes in the timing would prevent 

heart myofibers from constant inactivity, which could otherwise result in their atrophy (Pokorný et al., 

2014). 
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CONCLUSION 

In accordance with the primary objective, a model of human cardiovascular system – Cardio – has 

been built. It is based on several independent parts, mostly defined by other authors, which were 

coupled into one unifying model, allowing for simulation of diverse pathological conditions as well as 

ECMO and IABP heart supports. 

The adopted models have been selected carefully, ensuring that they are well validated. Indeed, 

simulated results of various scenarios appear to be very realistic. Mutual compatibility of the models 

suggests general validity regardless any specific conditions.  

The ECMO device has been designed to comply in terms of resulting flow waves rather than its real 

structure (generally, the flow feedback control is not applied although it is certainly not inconceivable).  

An arterial tree model has been derived for systemic arteries according to their physiological 

dimensions and real tree structure. This submodel also performs satisfactory. 

Several well-known phenomena have been demonstrated, including the Frank-Starling law. The 

genuine ambition of the Cardio model, however, is aimed a little higher. It has a potential of producing 

valid predictions and solving new, topical questions, as started with a brief analysis of effects of the 

heart supports with respect to their settings. 

First, the results should be quantitatively assessed by a medical expert. If successfully validated, the 

model will be suitable for application in both educational and research environment. 

It could be also integrated with higher-dimensional models to provide a meaningful closed-loop circuit 

while investigating a desired part of the system with high resolution. 

Limitations 

The current version of the model Cardio is limited in several aspects. It comprises only stressed blood 

volume and does not consider any patient-specific parameters such as weight, height, and body 

surface area. These are not needed whenever there is a wish to obtain generalized results, although 

in some scenarios, they could be useful. 

Energetic indicators of heart are based on the mechanical work exerted. No consumption index is 

calculated, and therefore, the real efficiency cannot be evaluated. 

The derived tree consists of arteries with static RLC characteristics. This along with a heuristically 

obtained coefficient for branching resistance may lead to slight distortions in pressure and flow 

waveforms and mildly overestimated wave reflections. The overall tendencies in propagation, 

however, should not be affected. 

Adaptation is supported by the original version of systemic arteries only. Utilization of the adaptation 

protocol with arterial trees is possible (as demonstrated in Section 3.4.2) although it might potentially 

lead to instabilities. 
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Further, the ECMO support is simplified, as already mentioned. It also incorporates only resistive 

elements, which could lead to overly steep flow derivations in case of square pulses despite simulated 

delays in the pressure control. For parabolic-like pulses, the resulting flow is reasonably smooth. 

Future Work 

There is a lot of space for various experiments by adjusting model parameters and studying the results. 

The model is also eligible for additional enhancements – either by embedding new modules or by 

direct modifications of its core components. For instance, implementation of oxygen-related indices 

would provide more information about the heart energy consumption. 

Contractility modeled by an approximating function could be replaced with a more complete calcium 

model encompassing cell dynamics including ion channels and action potentials. This could cover 

simulation of other phenomena such as a heart reaction on potassium overdose etc. 

Ultimately, the response of autonomic nervous system could be implemented so as to be really 

autonomic, similarly to the adaptation process for geometry of vessels and heart. 
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Appendix I: CLASS DIAGRAM OF COMPONENTS 

In the following two pages, you can see a simplified class diagram (halved along the vertical axis) for 

the main package with components (packages Settings, Types, and Constants are not included). 

Classes are represented by the little blocks framed within packages. Links with closed-capped arrows 

denote inheritance, links with open-capped arrows specify association (or composition, respectively). 

Note the multiple inheritance, which is permitted in Modelica (although it leads to a less clear 

organization of the diagram). 
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Appendix II: DVD CONTENT 

The DVD distributed along with this document contains: 

 Electronic copy of this thesis 

“Karel Kalecký – Relationship of Heart's Pumping Function and Pressure-Flow Patterns in 

Reduced Arterial Tree (2015).pdf” 

 Complete version of the model Cardio 

“Cardio\Cardio.mo” 

 Model documentation in the HTML Format – contains class hierarchy, description of all 

elements and parameters including default values 

“Cardio\Documentation\*” (index “Cardio.html”) 

 Simulated data – data files with results of performed experiments 

“Cardio\Data\*” 
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Appendix III: AUXILIARY SCRIPT FOR ADAPTED VALUES 

The following script has been used to automatically extract adapted values from a data file generated 

with Dymola 2014 and translate them into a new Modelica class for initialization: 

 
 

function GenerateInitialization (inputFile, outputFile) 

     
    data = load (inputFile, 'name', 'data_2', 'dataInfo'); 
    names = cellstr (data. name); 
    mapping = data. dataInfo (:, 2); 
    data = data. data_2; 
    [~, className, ~] = fileparts (outputFile); 
    OutputSingle = @OutputSingleStart; 

     
    file = fopen (outputFile, 'w'); 
    fprintf (file, 'record %s\r\n  extends Original(\r\n', className); 
    OutputSet ({'SA', 'SV', 'PA', 'PV'}, {'pRef', 'ARef', 'AW'}, 

'%s.core.%s', '%s_%s'); 
    OutputSet ({'SC', 'PC'}, {'R'}, '%s.%s', '%s_%s'); 
    OutputSet ({'vLAV', 'vRAV', 'vSA', 'vPA', 'vSV', 'vPV'}, {'ARef'}, 

'heart.%s.%s', '%s_%s'); 
    OutputSet ({'RA', 'LA'}, {'AmRef', 'Am0', 'VW', 'sigmaPRef'}, 

'heart.%s.%s', '%s_%s'); 
    OutputSet ({'LW', 'SW', 'RW'}, {'AmRef', 'Am0', 'VW', 'sigmaPRef', 

'EAmRef'}, 'heart.ventricles.%s.%s', '%s_%s'); 
    OutputSingle ('heart.VPRef', 'peri_VRef'); 
    fprintf (file, ');\r\nend %s;', className); 
    fclose (file); 

     
    function OutputSet (components, variables, inputFormat, outputFormat) 
        try 
            for component = components 
                for variable = variables 
                    OutputSingle (sprintf (inputFormat, component{:}, 

variable{:}), sprintf (outputFormat, component{:}, variable{:})); 
                end 
            end 
        catch 
        end 
    end 

  
    function OutputSingleStart (inputName, outputName) 
        fprintf (file, '    %s = %d', outputName, data (end, mapping 

(strncmp (inputName, names, length (inputName) + 1)))); 
        OutputSingle = @OutputSingleContinue; 
    end 
    function OutputSingleContinue (inputName, outputName) 
        fprintf (file, ',\r\n    %s = %d', outputName, data (end, mapping 

(strncmp (inputName, names, length (inputName) + 1)))); 
    end 

  
end 

 


