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1.1 The pulmonary circulation

HISTORICALLy, the pulmonary circulation was called the ‘lesser circulation’ as com-
pared to the greater, systemic circulation.1 In medicine and physiology, this ‘lesser’ 
term, very rightly, has long been abandoned. Although it only contains about 8% of 

the total blood volume of an adult human,2 this part of the circulation by no means plays a 
minor role in the overall blood circulation. The most important task of the systemic circulation 
is to transport blood to supply all tissues with oxygen and to remove waste products such as 
carbon dioxide (Figure 1.1).3 To be able to do so, the blood itself has to be supplied with oxygen 
and carbon dioxide has to be removed, which is done in the pulmonary circulation. When cir-
cumstances vary, for example during changes in posture or exercise, oxygen demand rises and 
the pulmonary circulation promptly reacts with an increase in oxygen supply. The pulmonary 
circulation thus plays a vital role in the maintenance of the body. It is not surprising, then, that 
disorders affecting the pulmonary circulation have serious consequences. Most of these disor-
ders cause pulmonary hypertension.  

In the systemic arterial circulation of the adult, blood pressure must be relatively high (about 
90 mmHg on average) to be able to perfuse all tissues of the body. In the pulmonary circulation 
of the  healthy adult, however, blood pressure is much lower (about 12 mmHg on average) and 
owing to the large number of vessels and the large vascular volume that can be recruited easily, 
the pulmonary circulation is able to keep pressure low and pressure changes little under a wide 
variety of circumstances.2 When a disorder affects the pulmonary vascular bed, the recruit-
ment capacity and/or vessel cross-sectional area reduce, which translates into a larger pulmo-
nary vascular resistance and a higher pressure at the same flow. Also, due to the higher pressure 
and decreased recruitment capacity, an increase in resistance is accompanied by a decrease in 
arterial compliance. Both the increase in resistance and the decrease in compliance contribute 
to an increase in the load on the heart. When the average pulmonary artery pressure exceeds 25 
mmHg while the patient is at rest, the patient is diagnosed with pulmonary hypertension.4 

J.W. Lankhaar

Introduction: the hemodynamics 
of pulmonary hypertension
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1.2 Consequences, causes and treatment of pulmonary hypertension

Despite the reduction in (peripheral) vessel volume in patients with pulmonary hypertension, 
their pulmonary circulation still serves its goal in that it provides the blood with oxygen, albeit 
at higher cost. The heart has to put more effort in pumping the blood through the pulmonary 
vessels. The right ventricle will sense this increased pressure load and it will attempt to reduce 
its wall stress by hypertrophy of the cardiac muscle. The function of the left ventricle, in turn, 
will be hampered because its blood supply is reduced (due to the impediment of blood flow 
in the lungs) and because the right ventricle interferes mechanically with it.5-7 While these 
processes continue, at a certain point in time, the right ventricle exceeds its ability to adapt, it 
dilates and it starts failing. Ultimately, this will cause the patient to die.

Pulmonary hypertension can have many different causes and the indicated treatment dif-
fers accordingly. Each form of pulmonary hypertension is classified in one of five categories:8 
Group 1 comprises the forms of pulmonary hypertension that are characterized by an elevated 
pressure in the arterial side of the pulmonary vascular bed due to diseases that affect the small 
pulmonary arteries/arterioles (e.g. collagen vascular disease) or due to congenital diseases. 

Pulmonary circulation

Systemic circulation

Lungs

Pulmonary artery

Right atrium

Venae cavae

Right ventricle

Left atrium

Left ventricle

Capillary beds of
body tissues

Aorta

Pulmonary veins

Figure 1.1 A Schematic overview of the cardiovascular system. Oxygen-poor blood that returns via the ve’nae cavae 
from body tissues enters the right heart at the right atrium. It then passes into the right ventricle which pumps it into 
the lungs. Within the lungs it is re-oxygenated and it returns to the heart where it enters the left atrium. From the 
left atrium it flows to the left ventricle which pumps the blood back to the body. (Adapted from E.N. Marieb, Human 
anatomy and physiology. 4th ed. Benjamin Cummings, 1997)
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This type of pulmonary hypertension is denoted by the term pulmonary arterial hypertension. 
Group 1 also includes idiopathic pulmonary arterial hypertension which is diagnosed if no 
underlying disease can be found. In group 2, the primary cause of the pulmonary hyperten-
sion is an increased venous pressure due to left-heart disease. In group 3, the elevated pres-
sure is caused by hypoxia secondary to lung disease. In group 4, the pulmonary hypertension 
is caused by thrombotic and/or embolic diseases. Pulmonary hypertension associated with a 
number of rare diseases is classified as group 5. Because of the wide variety of diseases that 
may cause pulmonary hypertension, patients suspected of it undergo an extensive screening 
program.4,9 This program always includes a right-heart catheterization to confirm the diagno-
sis pulmonary hypertension. A correct diagnosis is decisive for optimal treatment. Effective 
treatment for patients in group 1, for example, might have detrimental effects in patients in 
group 2 and 3. 

1.3 Clinical challenges in pulmonary hypertension

Knowledge of pulmonary hypertension has improved greatly in the last decades, but clinical 
practice is still confronted with a number of challenges in its diagnosis and treatment. Due 
to the low prevalence and incidence of the disease, the unspecific complaints and the rela-
tively early age at which the disease becomes manifest, as compared to other cardiovascular 
diseases, awareness is not very high. Pulmonary hypertension may therefore be overlooked 
easily. If a patient is suspected of having pulmonary arterial hypertension, the diagnosis can 
only be confirmed after a right-heart catheterization, which is, due to the anatomical position 
of the pulmonary circulation, a highly invasive procedure. In itself, however, mean pressure 
provides remarkably little diagnostic and prognostic information.10 Furthermore, since treat-
ment preferably depends on the underlying cause, many additional diagnostic tests have to be 
performed.4

If the diagnostic process has ultimately resulted in the identification of a cause, the clinician 
is confronted with new challenges. Only few parameters provide prognostic information. The 
test most widely used for prognosis assessment of a patient, is the distance he or she is able to 
walk within 6 minutes. Despite the number of confounders this test has and despite its not at 
all being specific for the state of the patient’s pulmonary circulation, it outperforms most other, 
more specific parameters.11 The lack of specific key indicators, not only hampers prognosis but 
also treatment monitoring. At present, it is hardly possible to identify the real effect of therapy 
in detail. It is, for example, still unknown whether the functional improvement of patients 
treated with the phospodiesterase-5 inhibitor sildenafil should be attributed to the effect on 
the pulmonary vasculature only or also to the effect on cardiac function.12 This lack of indica-
tors is most painfully felt when treating patients that reach the end-stage of the disease. Most 
patients, after having been stable on therapy for a longer period of time, often experience a dra-
matic hemodynamic collapse when right ventricular failure becomes manifest.13 It is therefore 
of utmost clinical relevance to be able to identify this transition from a stable state to serious 
ventricular failure as early as possible. 
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1.4 Interaction of the heart and the arterial system

From a physiological point of view, it can be readily understood why pulmonary hypertension 
confronts the clinician with many challenges. An important determinant of a patient’s clinical 
status is his or her hemodynamic condition. The hemodynamic condition is the result of the 
complex interaction of the heart and the arterial system, while these in itself also are involved 
in complex interactions. The heart, for example, comprises two pumps that interact in two 
ways.14 Because the pumps are contained within the same pericardium, a sudden volume or 
pressure increase at the right side will hamper the function of the left side of the heart. Further-
more, because the pumps are in series-arrangement in the circulation, decreased output of the 
right heart will reduce left-heart filling. The pulmonary vascular bed is another example of a 
system that is involved in several interactions. It interacts with the respiratory system both me-
chanically, through intrathoracic pressure variations, and non-mechanically,  through hypoxic 
vasoconstriction.15 Finally, the load of the systemic vascular bed on the left ventricle is also 
the result of many interactions of various types. Thus, while a sustained elevated pulmonary 
arterial pressure is the main problem, the clinical outcome is the result of a large number of 
cascading and interacting processes. 

1.5 Benefit of a model-based approach

Due to the numerous interactions within the cardiovascular system, it is often unclear how a 
change in a cardiac or a vascular parameter affects the patient’s overall hemodynamic or his 
or her clinical condition. Therefore it is even more difficult to predict how therapy will affect 
individual parameters or the hemodynamics as a whole. 

Mathematical models may be of great help, because they provide a tool for the proper in-
terpretation of hemodynamic measurements performed in the diagnostic process and during 
treatment. A mathematical model provides insight in the connection between parameters and 
it explicitly and quantitatively states the assumptions that are made.16 Furthermore, it is rela-
tively easy to implement a mathematical model (i.e. a set of mathematical expressions) digitally 
so that the effect of parameter deviations and interventions can be simulated. Combination 
in a mathematical model of the various data (e.g. blood pressure and flow) determined in the 
individual patient, allows assessment of parameters that cannot be obtained directly from the 
individual measurements. Examples of such parameters are vascular resistance, arterial com-
pliance and cardiac contractility.

Using this model-based approach, the hemodynamics of the individual patient can be char-
acterized by a set of model parameters. These parameters may be clinically relevant in both 
diagnosis and treatment monitoring. Since different diseases may result in different model 
parameters, a set of model parameters that characterize the individual patient may provide 
important additional diagnostic information. Model parameters may also provide a way to as-
sess the effect of therapy more accurately. Thus, mathematical models provide a way to extract 
additional, clinically relevant information from measurements that would not be available oth-
erwise.
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1.6 Requirements for a model-based approach

For successful application of a model-based approach, several requirements have to be ful-
filled. The most important, but also the most challenging, requirement is the availability of a 
good model. In addition to a good model, a model-based approach requires accurate measure-
ments. It depends on the desired level of accuracy whether measurements are called accurate 
or not, but a model-based approach may be more demanding than normal clinical practice. 
Finally, methods should be available for the estimation of the model parameters from the given 
measurements. A good model has the following features:

Its clinical purpose is clear.  ■ The clinical purpose the model has to serve must be formulated 
as accurately as possible. A model may be appropriate for one purpose but invalid for an-
other.
It is accurate enough for the clinical purpose it has to serve.  ■ A model is sufficiently accurate if 
it can describe the physiological phenomena at the level of detail that is desired. The desired 
level of detail differs depending on the clinical question. For example, if a patient has to be 
classified to a certain diagnostic category (e.g. inoperable versus operable) and the mea-
sured differences between both categories are subtle, a fairly detailed model has to be used, 
while a simple model will do if the differences are pronounced. 
It is as simple as possible.  ■ This simplicity requirement is not only stated for practical reasons 
(ease of use, limited number of calculations etc.), it is also an expression of what is called 
the principle of parsimony. Parsimony is the concept that a model should be as simple as 
possible with respect to the included variables, model structure and number of parameters.17 
It has a long history and dates back to the fourteenth century monk William of Occam 
and may well be regarded one of the most fundamental postulates of Western science. If 
two models describe a phenomenon equally accurate, the simplest model of the two is the 
preferred model. From an information theoretical point of view, this principle of ‘Occam’s 
razor’ has been formalized in several information criteria by which models can be compared 
objectively.17 All of these criteria weigh the goodness-of-fit of a model by the number of 
parameters it contains. If a model has many parameters (relative to the number of available 
observations), it will do worse in the comparison than a model with less parameters.
Its parameters are identifiable given the measurements.  ■ It is not very difficult to increase the 
level of detail of a model. Although this may yield a model that is able to describe reality 
more accurately, it is undesirable if parameters have to be included that cannot be esti-
mated unambiguously from the given measurements. In modelling for clinical purposes, 
this especially limits the complexity of models because the number of variables that can be 
measured in patients is limited by time, costs and, above all, by the inconvenience it causes 
to the patient. 
It is well-validated.  ■ A model can only be applied clinically if it has been validated for the 
specific clinical purpose. This implies that in clinical practice, the model parameters and 
variables should not exceed the ranges for which the model has been validated. A model 
that is validated in healthy subjects, for example, may not be directly applicable to patients 
because the model variables and parameters are in a range that differs from ranges in the 
validation. 
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Its parameters and structure should be easily and unambiguously interpretable.  ■ For a model to 
be clinically useful, this is especially an important requirement. A model may be elegantly 
simple, well-validated and it may be possible to estimate its parameters accurately, but if the 
results are difficult to interpret and if they require much advanced additional knowledge 
(e.g. of physics or systems theory) the model is not very likely to be useful. 

Despite the number of fairly objective criteria that can be formulated for a model, it should be 
noted that no single model is good without limitations. All models are abstractions of reality 
and as a consequence, all models deviate from it. This deviation is acceptable depending on the 
purpose for which the model is used. Or, as G.E.P. Box stated:18 all models are wrong, but some 
are useful (cited by Hunter19). 

1.7 Aim and outline of the thesis

To elucidate whether a model-based approach can provide keys to meet the challenges in di-
agnosis and treatment of pulmonary hypertension, our research aimed at assessing to what ex-
tent additional clinically relevant information is obtained when different hemodynamic mea-
surements are combined using a mathematical model. The results are described in this thesis. 
Since our focus is on clinical application, we limit ourselves as much as possible to standard 
clinical measurements.

In the first part of the thesis, the emphasis is on pressure and flow measurements. The histo-
ry of hemodynamics is directly related to the progression in measurement technique of blood 
pressure and flow. Therefore, Chapter 2 gives a brief overview of the history of the measure-
ment of pressure and flow. The pressure and flow signals used in this thesis suffer from artifacts 
that lower their accuracy and therefore limit their applicability in a model-based approach. In 
Chapter 3, a procedure is presented for the correction of underdamping artifacts in pressure 
waveforms measured with fluid-filled catheters and in Chapter 4, a procedure for the correc-
tion of phase offset errors in MR flow quantification. 

In the subsequent chapters, we concentrate on selection of the appropriate mathematical 
model. In Chapter 5, we seek to answer the question as to which model should be used to 
describe the relationship between pressure and volume of the left ventricle. This chapter dif-
fers from the other chapters because it deals with ventricular function and, in particular, the 
left ventricle. It should be viewed as the first step in the development process of an integrated 
circulatory model that contains both ventricles and both the systemic and pulmonary vascular 
bed. The left ventricle provides a good starting point because most of the literature on pres-
sure-volume relations concentrates on the left ventricle and data is readily available. Chapter 
6 reviews the arterial windkessel model that is often used to model the relation between pres-
sure and flow in the vascular bed.20 As opposed to a distributed model, a windkessel model 
(Figure 1.2) is a lumped model which means that all spatial information is lumped into discrete 
elements. Chapter 7 reviews clinical techniques for imaging the right ventricle in pulmonary 
hypertension.

In the subsequent chapters of the thesis, models are applied to data of patients with pulmo-
nary hypertension. This last part may therefore be regarded as the most important part of the 
thesis. In Chapter 8, a three-element windkessel model is used to quantify right ventricular 
afterload in three patient groups. In this study, we found that resistance and compliance of 
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the pulmonary vascular bed follow an inverse relationship regardless of the patient group. We 
elaborate on this in Chapter 8 and we show that the relationship still holds for patients treat-
ed for pulmonary hypertension. Using a branching tree simulation model of the pulmonary 
vascular bed, we provide an explanation for the found inverse relationship in Chapter 9. The 
implications of our finding and other hemodynamic aspects are discussed in the concluding 
Chapter 10. ■
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Historical notes on the measurement 
of blood pressure and flow

2.1 Introduction

HEMODyNAMICS is the part of hydraulics that aims at understanding the relation-
ship between blood pressure and flow in the heart and arterial system. Its history is 
tightly related to the advances in the measurement techniques of pressure and flow. In 

this chapter, we give a short overview of the emerging measuring techniques, starting with the 
first blood pressure measurements by Stephen Hales.

2.2 Measurement of pressure

William Harvey may be regarded as the founder of hemodynamics.1 Essential in his descrip-
tion of the blood circulation (published in 1628) was the emphasis on quantitative reasoning. 
He made, for example, an estimate of the stroke volume of the heart. Harvey’s contemporary 
Isaac Newton provided the tools required to advance in this direction. Newton’s work on the 
viscosity of fluids and the concepts of force, mass and acceleration still forms the basis of mod-
ern hemodynamics.1 

The first to measure blood pressure was Stephen Hales who published his work in 1733 (re-
printed in2), but the next advance in blood pressure measurement was only after a century, 
when Carl Ludwig introduced the kymograph, an apparatus to graphically record pulsatile 
pressure.3 His work initiated a great interest in blood pressure measurement.1 Auguste Chau-
veau and Etiënne-Jules Marey (1863) besides recording blood pressure within the heart, were 
the first to measure blood flow. Riva-Rocci developed (1896) the now generally used nonin-
vasive technique for the determination of systolic and diastolic pressure. The measurement of 
pressure advanced at a much faster pace than that of flow measurement. Marey connected an 
intravascular probe to a tambour covered by a rubber membrane and thereby laid the founda-
tion for the fluid-filled catheter as it is still known now.1 Carl Wiggers4 (1928) produced photo-
graphic records with a mirror to the membrane (Figure 2.1a) and finally electrical transducers 
were introduced.1
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2.3 Measurement of flow

As already noted above, were Chauveau and Marey the first to measure blood flow. They used 
what is known as a bristle flowmeter.5 Also Karl Hürthle6 was one of the first to measure blood 
flow with his Stromuhr (Figure 2.1b). Initially, most of the research on blood flow concentrated 
on measurement of mean flow (i.e. cardiac output). An important means was provided by the 
Fick principle (1870, named after the physiologist Adolf Fick) which relates mean blood flow 
to respiratory gas uptake in the blood.1 Application of the principle to humans, however, was 
hold back by the fact that it required blood from the pulmonary artery (central venous blood) 
where oxygen concentration is minimal. Only after the first right heart catheterization by Wer-
ner Forssmann (1929) and application of his technique for blood sampling from the pulmonary 
artery, Otto Klein7 (cited by Stern8) was able to measure cardiac output in man in the 1930s.9 
However, because Klein’s work was ignored in the medical world, Cournand and Richards 
(1941) are often acknowledged as the first to have achieved this in the 1940s.9,10 

For measurement of pulsatile blood flow different physical principles were used. The bristle 
flowmeter and the Stromuhr convert flow to a force that drives a writing lever, while Otto 
Frank (1899) used a model of the vascular bed to derive a relation between arterial pressure 
and flow.1 Later, Fry et al.11 used another model, based on the Womersley’s oscillatory flow 

A B

Figure 2�.1 A: Wigger’s kymograph. A glass tube d is mounted on a cannula k that is inserted directly through the heart 
wall. On top of the glass tube a brass cylinder connects the tube to a membrane. A small mirror c is attached to the 
membrane and a beam of light is reflected on it by a fixed mirror f. (Drawing from Wiggers.4) B: Hürthle’s Stromuhr 
as described by R. Burton-Opitz.6 The instrument records phasic flow intermittently. Blood enters a cylinder through 
cannula A and flows through a flexible tube to E where the tube is attached to a disc D. It then enters a cylinder and 
lifts the piston P (which is attached to a writing lever L) upwards. As the piston is lifted, blood (or saline) above the 
piston is forced out of the cylinder and flows to cannula B. When the piston reaches the top of the cylinder, the disc 
is turned and the process reverses. Because the volume of the cylinder is known, flow can be calibrated by measur-
ing the time needed to fill the cylinder. (Drawing from Burton-Opitz.6)
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theory,12 to relate flow to the pressure difference between two points located a few centimeters 
apart in the same vessel. The electromagnetic flow meter was introduced by Fabre (1932) and 
independently by Wetterer13 and Kolin.14 The latter refined the method to a great extent. Its 
physical basis is Faraday’s law which states that if a conductor (blood in this case) moves within 
a magnetic field it generates a potential difference that is proportional to the velocity of the 
conductor. More recently, flow measurement techniques using ultrasound were introduced.15

2.4 Present era

At present, echo cardiography is the most frequently used technique for flow measurement in 
clinical practice. In 1950, Erwin Hahn16 suggested to use magnetic resonance for the investi-
gation of moving liquids, but it was not until the 1980s that technical advancements allowed 
application of the suggested principles for the quantification of blood flow in patients.17 Phase-
contrast flow quantification has become a well-established method of blood flow measure-
ment.18 

Although a number of techniques is available to measure both pressure and flow at almost 
any location in the human body, simultaneous measurement for clinical applications remains 
a challenge. Catheters with a flow velocity and a pressure sensor mounted on it, have been 
available since the 1970s19 but they are too costly to be generally used in clinical practice. As 
to simultaneous measurement of mean flow, pulse contour methods are emerging methods in 
clinical practice.20,21 In these methods, flow is calculated from pressure using a model (Frank’s 
approach). For instantaneous flow, some promising results are obtained with MR-guided cath-
eterization.22 ■
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Fully-automatic correction of artifacts 
in arterial blood pressure waveforms 
measured with fluid-filled catheters

Objective: To present a fully-automatic method for the correction of 
underdamping artifacts in arterial pressure waveforms measured with 
fluid-filled catheters. 
Design: Retrospective clinical study and computer simulation study.
Setting: Catheterization and angiography laboratories and intensive care 
unit of the VU University Medical Center.
Patients: Nine patients (59 ± 8 y, 4 female) suspected of obstructive coro-
nary artery disease but in whom no stenosis was found and 77 patients (53 
± 16 y, 57 female) with suspected or proven pulmonary hypertension.
Interventions: None.
Measurements and main results: Using simulations, we showed that 
the correction method, which is based on a Kalman filter, improves a 
distorted blood pressure signal to adequate levels over a wide range of 
damping characteristics, but especially in the clinically most common 
range. Using coronary artery pressures simultaneously measured with a 
fluid-filled and a catheter-tip manometer during coronary angiography, 
we showed that after correction, the root mean square error reduces from 
2.4 ± 0.9 to 1.8 ± 0.7 mmHg (p < 0.01). In addition, we applied the meth-
od to 100 pulmonary artery pressures recorded digitally during right-
heart catheterization, pulmonary angiography or vasodilator reactivity 
testing. In 85 cases (85%), fully-automatic correction was satisfactory; in 
the remaining cases, correction was satisfactory after manual adjustment 
of the parameters of the correction method. Comparison of the corrected 
and the uncorrected pressures showed that after correction, systolic pres-
sure reduces (median 2.0%), diastolic pressure increases (median 6.5%) 
and pulse pressure also reduces (median 8.3%). 
Conclusions: The described correction method improves the signal 
quality of arterial pressures measured with fluid-filled catheters. The 
method does not require observer intervention nor additional measure-
ments. Without correction, considerable errors in systolic, diastolic and 
pulse pressure can occur. ◦
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3.1 Introduction

THE ARTERIAL BLOOD PRESSURE WAVEFORM has long been recognized as an im-
portant source of information. It has been used, for example, to quantify blood flow,1-3 
wave reflection4-8 and pulmonary wedge or occlusion pressure.9-11 For analyses like these, 

measurements with catheter-tip manometers are preferred to measurements with fluid-filled 
catheters.12-14 Due to their inherent characteristics (e.g. lumen radius or elasticity) or due to 
disturbing factors present (e.g. air bubbles or blood clots), fluid-filled catheters may distort 
the pressure waveform seriously. Consequently, the waveform measured at the transducer will 
differ significantly from the true waveform at the tip of the catheter. In case of an overdamped 
catheter system, the pressure waveform will be too smooth, and in case of an underdamped 
catheter system, it will show signs of resonance. In either case, the distortions will lead to 
under- or overestimation of systolic and diastolic pressure and may prevent further reliable 
analysis. 

The drawbacks have long been recognized,15-17 but invasive blood pressure is still most often 
measured with fluid-filled catheters. If great care is taken for the measurement system to be 
optimal, reliable pressure waveforms can be obtained.12 Much attention has been paid to the 
factors that influence response and accuracy of catheter-manometer systems12,13,15-17 and various 
tests17-20 have been developed to determine whether response is optimal or not. In most tests, 
the response to a steep fall in pressure is used to obtain the damping coefficient and resonance 
frequency of the system.21 In addition, resonance elimination devices have been proposed.16,18 

In contrast, relatively few methods have been developed for the retrospective removal of 
catheter artifacts in pressure waveforms measured previously. Wellnhofer et al.22 used an ad-
vanced Fourier analysis method. Although theoretically attractive, practical value of the meth-
od is limited, because the Fourier coefficients of the catheter have to be known exactly and 
these coefficients vary from catheter to catheter or even during a measurement.23 Lambermont 
et al.24 suggested a simpler approach, but their method requires the damping coefficient and 
resonance frequency to be known, which is not always the case. Furthermore, it requires cal-
culation of numerical derivatives which is known to amplify noise. 

In this study, we present a fully-automatic postprocessing method for the correction of ar-
tifacts in blood pressure waveforms measured with fluid-filled catheters. The method is based 
on a so-called multi-model Kalman filter (with unknown input). It does not require prior 
knowledge of the damping coefficient or the resonance frequency. We validate the method 
using both simulation data and data simultaneously measured with a fluid-filled catheter and 
a catheter-tip manometer. Furthermore, we demonstrate the effect of the method on a large 
sample of clinically measured pulmonary artery pressures.

3.2 Materials and methods
3.2.1 Multi-model Kalman filter

We briefly review the correction method here, mathematical details are discussed in Appendix 
A. If the intra-arterial pressure at the tip of the catheter is considered the input signal and the 
pressure actually measured at the transducer membrane the output signal, the catheter can 
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be modeled as a simple damped harmonic oscillator.12,16,25 Such a system is characterized by 
its resonance frequency fn and damping coefficient ζ. In case of underdamping (ζ < 0.7), the 
system amplifies the frequency components close to fn more than the other components in the 
input signal. As a consequence, the output pressure is a distorted version of the true (input) 
pressure. The smaller ζ (and fn), the larger the distortions.12,13,16,26 The objective of the correction 
method is to reconstruct the input signal from the output signal of the catheter system. 

Systems like a damped harmonic oscillator can be described by a differential equation of a 
certain order. If the order is greater than one, the differential equation can be rewritten into a 
set of related first-order equations. The (intermediate) variables introduced to link the equa-
tions, are called state variables (briefly: the state). The original Kalman filter is a way to estimate 
the state in a statistical optimal way using all the information that is available in the (noisy) 
input and output signal. For each moment in time, an estimate of the state is obtained by tak-
ing a weighted average of the previous value of the state and a state update that is based on the 
new measurements of the in- and output signals at that moment.27,28 The previous state and the 
state update are weighted according to their variance. If the update has a smaller variance than 
the previous state, more weight is given to the update and vice versa. Thus, a Kalman filter op-
timally combines knowledge about the systems from the past with new measurements.

To be applicable as a correction method, the Kalman filter has to be extended in two ways. 
First, we add a state variable that represents the unknown input signal and we assume that this 
state variable behaves like what is called a random walk. Now, the input signal is included in 
the state and therefore the Kalman filter provides an estimate of its value for each moment in 
time. Second, we run a great number of Kalman filters in parallel. Each filter incorporates a 
different candidate set of the model parameters fn and ζ. The overall multi-model Kalman filter 
returns a weighted average of the predictions of all candidates. Depending on how well it pre-
dicts the output pressure, the weighting of a candidate for the next moment in time is adjusted. 
Similarly, it provides an estimate of fn and ζ by a weighted average of all candidate parameters. 
After processing a sufficient number of samples, the method converges automatically to the 
true ‘average model’. Thus, the multi-model Kalman filter provides a way to both assess the 
characteristics of the catheter system (fn and ζ) and reconstruct the true arterial blood pressure 
signal simultaneously. 

Two additional parameters have to be specified to run a Kalman filter: the process and the 
measurement variance. The process variance is related to the input signal. In case of a random 
walk process, it dictates how much the input signal may vary from sample to sample. The mea-
surement variance, reflects the measurement accuracy. For the catheter-manometer system, 
it reflects the measurement error of the transducer. Since these parameters are assumed to 
be unknown, we estimate them using general-purpose filters. These filters operate heart rate 
dependent. 

3.2.2 Implementation

The multi-model Kalman filter was implemented in MATLAB 7.0, r14 (The MathWorks, Natick, 
MA). In silent mode (without graphic output), it also runs on the freely available GNU Octave 
version 3.0.0 (www.octave.org, available under the GNU general public license). The candidate 
models cover all combinations of resonance frequencies from 5 to 30 Hz (resolution 1 Hz) 
and damping coefficients between 0.1 and 0.7 (resolution 0.1). A uniform probability density 
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function across the candidate models is used as an initial value. For the various filtering steps 
a tenth-order (i.e. a fifth-order both forward and backward in time) Butterworth filter was 
used. For removal of the low-frequency trends, a cut-off frequency of 0.75 times the heart rate 
was used; for the low-pass filter for the estimation of process variance Q, two times the heart 
rate; and for the high-pass filter for the estimation of the measurement noise variance R, fifteen 
times the heart rate.

3.2.3 Full-range simulation tests

To systematically test the performance of the multi-model Kalman filter over a wide range of 
damping characteristics, we used a simulation model to generate artificially ‘underdamped’ 
pressure waveforms. We took the approach as outlined in Figure 3.1, which is similar to that of 
Gardner.18 The catheter system was simulated with the model of Equations (a.1) through (a.4). 
A pressure waveform measured with a high-fidelity catheter-tip manometer was used as an in-
put to the model. Measurement errors were simulated by adding normally distributed random 
noise to the output of the simulation model (variance 0.1 mmHg). ‘Underdamped’ pressure 
waveforms were generated for a wide range of natural frequencies and damping parameters ωn 
and ζ and, subsequently, the multi-model Kalman was applied to them. To be able to carry out 
statistical analyses, multiple pressure waveforms (with different noise realizations) were gener-
ated for each combination of fn and ζ. 

We conducted this full-range test on three reference signals (Figure 3.1). First, a coronary 
artery pressure waveform measured with a pressure wire from the study of Marques et al.29 
The interval of about 7 s contains six cardiac cycles at a rather irregular heart rate (range 41 to 
87 bpm). Second, a pulmonary artery pressure waveform of a male Wistar rat with monocro-
taline-induced pulmonary hypertension. This pressure was measured (at a sample frequency 
of 1000 Hz) with a Millar catheter-tip manometer (Millar, Houston, TX) in another study.30 
Because resting heart rate in rats is about five times higher than in man we scaled the signal 
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Figure 3.1 How the full-range tests are carried out. A high-fidelity reference pressure u is used as input to the simula-
tion model of the catheter. The ‘underdamped’ output pressure is, after addition of white noise, used as input y to 
the correction method. The corrected pressure û is compared with the reference pressure. At the bottom, portions of 
the three reference signals (original, distorted and filtered) are shown. The pulmonary artery pressure is from a rat 
with monocrotalin-induced pulmonary hypertension.
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in time by a factor five so that its heart rate was in the same range as that of the other signals 
(67.7 ± 0.3 bpm). After time-scaling, the signal spans 5 s and it contains five cardiac cycles. 
The third signal is an aortic pressure waveform from Figure 8 of the paper of Murgo et al.,6 
which we digitized at a sample frequency of 100 Hz. From the reference signals, artificially 
‘underdamped’ pressure waveforms were generated with the natural frequency fn of the simu-
lation model varying from 6 to 25 Hz (with 1 Hz increments) and the damping coefficient ζ 
varying from 0.05 to 0.7 (first increment 0.05, remaining 0.1). This was repeated five times for 
each combination of fn and ζ. Thus, from each reference signal eight hundred artificially ‘un-
derdamped’ signals were generated, which were subsequently corrected using the correction 
method. Agreement with the reference curves was expressed as the root mean square error 
(RMSE, i.e. the average of the squared differences between corresponding samples of the refer-
ence and the corrected signal).

3.2.4 Simultaneous measurements

To further validate the multi-model Kalman filter, we analyzed digitally recorded coronary 
artery pressures simultaneously measured with a catheter-tip manometer and a fluid-filled 
guiding catheter. These data were obtained from the study of Marques et al.29 In nine patients 
who underwent coronary angiography because of suspected obstructive coronary artery dis-
ease but in whom no stenosis was found, coronary artery pressure was measured in the left 
or right coronary artery using a catheter-tip manometer (Radi pressure wire, Radi Medical 
Systems, Uppsala, Sweden). The pressure wire was advanced in a 7F guiding catheter (inner 
diameter 2 mm; Cordis Corporation, Miami, FL).  Because the mean level of the wire pres-
sure was calibrated against that of the guiding catheter pressure,29 both signals were recorded 
(sample frequency 100 Hz). After synchronizing the signals and shifting the wire pressure to 
the mean level of the guiding catheter pressure, the multi-model Kalman filter was applied to 
the guiding catheter pressure. Both the agreement (expressed as RMSE) of the original and the 
filtered pressure with the wire pressure were assessed. 

3.2.5 Application to pulmonary artery pressures

To demonstrate the effect of correction on pressure signals measured with underdamped cath-
eter systems in practice, we used data from our database of digitally recorded pulmonary arte-
rial pressures. This database contains digitally recorded data of one or more right-heart cath-
eterizations, pulmonary angiographies (with pressure measurement) and vasodilator reactivity 
tests of over 350 patients having or suspected of having pulmonary arterial hypertension. We 
arbitrarily selected 77 patients (selection by surname, surnames starting with letters A through 
H) and applied the correction method to their pulmonary artery pressures. During right-heart 
catheterization, pressure was measured with a 7.5F Swan-Ganz catheter (inner diameter 1.6 
mm; BD, Franklin Lakes, NJ) or a 6F multipurpose catheter (inner diameter 1.7 mm; Cordis 
Corporation, Miama, FL). During vasodilator reactivity tests, a similar Swan-Ganz catheter 
was used. During pulmonary angiography, pressure was measured with a 6.7F Grollman cath-
eter (inner diameter > 1 mm; Cook Medical Inc., Bloomington, IN). 

The correction method was applied to an interval of about 20 s of data of each patient. If 
multiple (follow-up) catheterizations of a patient were available, one interval per catheteriza-
tion was included. After correction, each signal was reviewed to check whether the correction 
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was satisfactory. Both the interval as a whole and the ensemble-average of all cardiac cycles31 
within the interval were reviewed. If the correction was inadequate, it was repeated after man-
ual adjustment of the parameters (fn and ζ and process and measurement variance) until cor-
rection was adequate. The average of the beat-by-beat systolic, diastolic and pulse pressures 
before and after application of the correction method were compared. Cycles were identified 
by the r wave of the ECG. Diastolic pressure was defined as the minimum and systolic as the 
maximum of a cardiac cycle. 

3.2.6 Consent

All patients, both those included in the study of Marques et al.29 and those in the pulmonary 
artery pressure study, gave informed consent and the institutional medical ethical committee 
approved the study. The rat study30 was performed in accordance with the national guidelines 
and with permission of the institutional animal ethics and welfare committee.

3.3 Results
3.3.1 Full-range simulation tests

The full-range tests showed that the correction method reduces the RMSE of ‘underdamped’ 
pressure curves to adequate levels even in case of severe underdamping. Figure 3.2 shows in 
color the RMSE of the pressure before (left panel) and after correction (right panel) as a func-
tion of the simulated fn and ζ. The dashed lines mark the normal damping range, that was de-
termined from a random selection of recordings from our database (n = 18) pooled with data 
from Figure 7 of Gardner.18 We estimated fn and ζ by fitting a damped sinusoidal function to 
the response of a fast-flush. The normal range was defined by the whiskers of a boxplot of the 
pooled damping coefficients. 

Most systems used in clinical practice are inadequately underdamped, but our method is 
able to reduce the artifacts caused by underdamping to an adequate level. As can be seen from 
Figure 3.2, the correction method reduces the RMSE to below 2.5 mmHg  (< 5% of the average 
pulse pressure) almost anywhere in the normal range. Furthermore, the amount by which 
RMSE changes decreases along the diagonal from the lower-left to the upper-right corner. Thus, 
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Figure 3.2� The root mean square error (color-coded) of the simulated output pressures as a function of the simulated 
catheter resonance frequency ƒn and damping ς before and after correction. The average results of all three full-
range tests is shown. The dashed lines delineate the normal damping range where most systems fall into (see text 
for details). Before correction, deviations from the true input pressure are severe in the normal range (particularly 
for low frequencies). After correction, the root mean square error in almost the entire range is < 2.5 mmHg.
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in the low-frequency, low-damping range, correction will have the largest effect. 
For the estimation of fn and ζ, the correction method performs less well. Comparison of the 

true value (as set in the simulation) and the estimated value showed that errors were consider-
able (up to 15 Hz for fn and 0.5 for ζ). However, in the low-frequency, low-damping range the 
errors in estimated fn and ζ were smallest while the change in RMSE is largest in this area. Thus, 
where correction influences RMSE most, estimation of fn and ζ is most accurate. Apparently, 
since the RMSE after correction is small in almost all cases, the inaccuracies in the estimated  fn 
and ζ do not negatively affect the correction results.

3.3.2 Simultaneous measurements

Of the nine patients suspected of coronary artery disease (59 ± 8 y), four were female. Systolic, 
diastolic and mean central aortic pressure were 130 ± 31 mmHg, 78 ± 18 mmHg and mean 
pressure 99 ± 21 mmHg, respectively. Heart rate was 62.9 ± 9.6 bpm. Application of the cor-
rection method to the guiding catheter pressures measured in the coronary artery of patients 
improved the quality of the waveforms visibly (Figure 3.3). Interestingly, the initial artifacts in 
the guiding catheter pressures were relatively small: RMSE 2.4 ± 0.8% of mean pressure (range 
1.5 - 4.3%). Despite these small deviations, the RMSE and maximum error in a cardiac cycle were 
significantly lower after correction (Figure 3.4): RMSE 2.4 ± 0.9 vs. 1.8 ± 0.7 mmHg (p < 0.01) 
and maximum error 9.2 ± 4.1 vs. 5.6 ± 2.0 mmHg (p < 0.01). 

50 mmHg

Fluid-�lled catheter
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Figure 3.3 Coronary artery pressures of the fluid-filled guiding catheter before and after correction together with the 
reference pressure. Ensemble-averaged curves are shown.
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Figure 3.4� Agreement between the simultaneously measured coronary artery pressures before and after correction. 
A: The root mean square (RMS) error. B: The maximum error encountered during a cardiac cycle (averaged over all 
cycles). Squares with error bars represent mean ± SD. p-values result from a two-tailed Student’s t-test. 
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50 mmHg

Before After 0.5 s

Figure 3.5� Four pulmonary artery curves and two right ventricular pressures (bottom) of patients with or suspected of 
pulmonary hypertension before and after correction. The curve at the bottom is a right ventricular pressure digitized 
from the Nobel lecture of Cournand,39 one of the first recorded in man.

Table 3.1 Characteristics of the patients whose pulmonary artery pressures were analyzed

Male : female 20 : 57 

Age, y 53.1 ± 1.6

Pulmonary artery pressure

Systole, mmHg 71 ± 29

Diastole, mmHg 28 ± 13

Mean, mmHg 46 ± 18

Pulse pressure, mmHg 43 ± 19

Heart rate, bpm 82 ± 14

Diagnosis

Idiopathic PAH 23

Chronic thromboembolic PH 18

No PH 10

PH related to connective tissue disease 8

Other forms of PH 18

Data recorded during

First catheterization 77

Follow-up catheterization 23

Angiography 18

Right-heart catheterization 82

Values presented as mean ± SD or as number. PAH = pulmonary arterial hypertension; 
PH = pulmonary hypertension.
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3.3.3 Application to pulmonary artery pressures

Figure 3.5 shows four pulmonary artery and two right ventricular pressures before and after 
correction. As can be seen, the correction method substantially improves the waveform qual-
ity of pressures measured with fluid-filled catheters. Even in case of a low resonance frequency 
and noisy measurements, an acceptable waveform results after correction (third waveform). 
Note that while the damping artifacts are effectively removed, details in the signal, such as the 
incisura at end-systole, are unaffected by the correction or they even re-appear after correc-
tion. 

From the data of the cohort of 77 patients, 100 intervals were selected for correction. On av-
erage, an interval consisted of 26 ± 5 heart beats. The patient characteristics are shown in Table 
3.1. Twelve pressures were obviously measured with overdamped systems, but because the cor-
rection method has virtually no effect on this type of pressure waveforms, we did not exclude 
them. In fifteen cases, automatic correction was inadequate, but after manual adjustment of the 
correction parameters (in some cases combined with an additional fully-automatic run of the 
correction method) all corrections were adequate. 

Application of the correction method reduced systolic pressure with –1.7 ± 1.5 mmHg (p 
< 0.0001), increased diastolic pressure with 2.7 ± 2.9 mmHg (p < 0.0001) and reduced pulse 
pressure with –4.4 ± 3.7 mmHg (p < 0.0001). Figure 3.6 shows the effect of correction in terms 
of percentage. Due to underdamping, systolic pressure will generally be slightly overestimated 
(median 2.0%), while diastolic pressure will be considerably underestimated (median –6.5%). 
As a consequence, pulse pressure is affected most and it will be overestimated (median 8.3%). 

3.4 Discussion
3.4.1 General discussion

In this study, we have presented a new and fully-automatic method for the correction of damp-
ing artifacts that often occur in arterial blood pressure waveforms measured with fluid-filled 
catheters. The method is a multi-model Kalman filter that estimates or reconstructs the un-
known input signal that enters the tip of the catheter. We validated the method using catheter 
simulations and using coronary artery pressures measured simultaneously with a fluid-filled 
catheter and a catheter-tip manometer. The simulations showed that especially in the range 
that is most common in clinical practice, the method reduces the errors due to underdamping 
to an acceptable range (< 5% of pulse pressure). Analysis of the simultaneously measured coro-
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nary artery pressures showed that despite being small initially, the RMSE reduced significantly 
from 2.4 to 1.8 mmHg after correction. Also the maximum error reduced significantly in all 
cases. Because the method is fully automatic, fn and ζ do not have to be estimated beforehand. 

Conducting measurements with optimal transfer characteristics of the catheter-manometer 
system is preferable to retrospective processing data measured under suboptimal circumstanc-
es, but is not always possible in clinical practice. Therefore, postprocessing the data to reduce 
or remove artifacts may be necessary in order to be able to apply advanced analyses to the 
pressure. Our method has a number of features that make it unique and fit to this task. First, 
the method does not require a fast-flush test or any other assessment to estimate the transfer 
characteristics of the catheter beforehand. This is especially an advantage in case of application 
to data measured in the past and in which no such assessments were recorded. Other methods 
do require additional measurements.22,24 It is also an advantage in longer recordings where the 
damping characteristics may change over time.23 Second, the method is independent of heart 
rate. More specifically, it adapts all filtering steps that are required for subtracting the trend and 
estimating the various parameters to the heart rate of the given signal. Therefore it can also be 
applied to animal data at higher heart rates. Third, the method is fully automatic, but the user 
may override all default parameters by specifying them manually. Fourth, the method is ap-
plicable to non-stationary signals (including transient effects such as wedging in a pulmonary 
artery pressure). It might then be necessary to manually specify the heart rate because heart 
rate detection might fail.

3.4.2 Validation

We validated the correction method with a simulation model of a catheter and simultane-
ous measurements. From three high-fidelity signals, the simulation model produced a total of 
2400 ‘underdamped’ signals to which the correction method was applied. By comparing the 
corrected signals with the corresponding original high-fidelity signal, the accuracy of the cor-
rection method can be assessed systematically over a wide range of resonance frequencies and 
damping coefficients. Gardner18 followed a similar approach to determine adequate and inad-
equate damping characteristics, but there were a few differences. He did not use high-fidelity 
signals as input to the simulation model but a pressure signal measured with an optimally or 
close to optimally damped catheter system (resonance frequency at least 25 Hz). Furthermore, 
he assessed agreement between the reference signal and the ‘underdamped’ signal by eye and 
investigated a broader frequency (1–45 Hz) and damping (0.05–1.5) range than we did. yet one 
expects our results to agree in the shared frequency and damping range. 

One might argue that the assessment of the accuracy of the correction method using a simu-
lation model that is based on the same model (Equations (a.1) through (a.4)) as the correction 
method itself may be too optimistic. Although this cannot be denied, there are not many other 
options to investigate the correction method systematically in a wide frequency and damping 
range. At least the present full-range test gives an indication of the best achievable accuracy of 
the correction method. 

For the full-range test, we scaled the pressure signal of the rat in time so that heart rate in 
comparison with the range of tested frequencies was compatible to that of the other reference 
signals. Neither for the simulation and the correction method, the sample frequency nor the 
heart rate in itself are of importance. Note that after time-scaling the signal still had an appar-
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ent sample frequency of 200 Hz. Furthermore, note that if fluid-filled catheters are used in rats, 
their resonance frequency is also likely to be much higher since the length of such catheters 
is much smaller while its lumen area will be relatively large. Thus, for realistic comparison we 
could as well have chosen to disturb the rat signal with a resonance frequency five times higher 
than that for the human signals. For ease of comparison we choose to scale in time.

3.4.3 Clinical relevance

The correction method performs best when used for correcting pressures measured with se-
verely underdamped catheters. Also the estimations of fn and ζ are then most accurate. This 
may well be the most common kind of pressure measured in clinical practice. Presumably, the 
majority of pressures are measured with either adequately damped or underdamped catheters. 
‘Overdamped’ pressures also occur, but since they are easier to recognize (curve too smooth) 
and to correct by flushing the system, they will be in the minority. This is confirmed by the nor-
mal range (Figure 3.2) as assessed using Gardner’s18 and our own data. It is also confirmed by 
our analysis of 100 pulmonary artery pressures of which only 12 pressures could be identified 
as ‘overdamped’. Thus, the correction method performs well for the most common pressures. 

Retrospective analysis of pulmonary artery pressures of 77 patients showed that if not cor-
rected, measurement of pressure may be seriously affected by underdamping artifacts. Dia-
stolic pressure may be underestimated and pulse pressure may be overestimated. In half of all 
pressures, the errors were greater than 6.3 and 8.5%, respectively. Pulse pressure, in particular, 
is an independent predictor of cardiovascular risk,32 but it is also related to arterial stiffness33 
which is a prognostic factor both in systemic34 and in pulmonary hypertension.35 Therefore, 
large errors may seriously affect the assessment of prognosis.

3.4.4 Limitations

The multi-model Kalman filter on which the correction method is based, may operate subop-
timally in the statistical sense for two reasons. First, the process and measurement variance are 
unknown. We estimate them using low- and high-pass filtered versions of the measured signal, 
with the choice of cut-off frequencies based on experimental observation. For the process vari-
ance in particular, this is not optimal, but there are few alternatives. We have tried the method 
of Mehra36 but it did not work for our multi-model Kalman filter setup. This may be related to 
the second reason why the filter may not operate optimally: the random walk model as a model 
for the unknown input signal. Since the input is not a stationary stochastic signal (as in the 
optimal setting for a Kalman filter) but a signal with highly periodic/deterministic components 
in it, the random walk model is not very likely to be correct. With Broersen’s armasel,37 we 
determined the optimal autoregressive (ar) model order (a class of models similar to the ran-
dom walk model) for the description of the pulmonary artery pressure of the rat. This turned 
out to be an AR(181)-model or an AR(8)-model as second-best option. Replacing the random 
walk model by a higher-order model, however, is not an option because it introduces addi-
tional parameters that have to be estimated. On the other hand, the random walk model may 
in practice be sufficient (as the good results of this study suggest) when the sample frequency 
is much greater than the frequencies of interest. When the signal is relatively oversampled, the 
frequencies of interest (e.g. < 30 Hz) will occur to the Kalman filter as relatively low-frequent 
trends so that the filter acts on a quasi-stationary signal.27 Recently, Odelson et al.38 proposed a 
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new method to estimate process and measurement variance but we have not tried this option.
In some cases, application of the multi-model Kalman filter once is not enough to correct all 

artifacts. This may indicate that the catheter system resonated at multiple frequencies, which is 
possible because it is a distributed system.16 Since the filter is not based on a distributed model 
but on a lumped model with a single resonance frequency, it cannot correct multiple resonance 
frequencies even if it is operating optimally. A second pass through the filter will then correct 
the remaining problem. 

3.5 Conclusion

In this study, we have presented and validated a fully-automatic method for correction of arti-
facts in blood pressure waveforms measured with fluid-filled catheters. If not corrected, under-
damping artifacts may lead to considerable underestimation of diastolic pressure and overes-
timation of pulse pressure. Our method neither requires observer intervention nor additional 
measurements and it is directly applicable in clinical practice.  ■
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Correction of phase offset errors in main 
pulmonary artery flow quantification

Purpose: To investigate whether an existing method for correction of 
phase offset errors in phase-contrast velocity quantification is applica-
ble for assessment of main pulmonary artery flow with an MR scanner 
equipped with a high-power gradient system. 
Materials and methods: The correction method consists of fitting a sur-
face through the time average of stationary pixels of velocity-encoded 
phase images, and subtracting this surface from the velocity images. Pix-
els are regarded stationary if their time standard deviation falls into the 
lowest percentile. Flow was measured in the main pulmonary artery of 15 
subjects. Each measurement was repeated on a stationary phantom. The 
phase offset error in the phantom was used as a reference. Correction was 
applied with varying polynomial surface orders (0-5) and stationarity 
percentiles (5-50%). The optimal surface order and stationarity percentile 
were determined by comparing the fitted surface with the phantom.
Results: Using a first-order surface and a (non-critical) 25% percentile, 
the correction method significantly reduced the phase offset error from 
1.1 to 0.35 cm/s (rms), which is equivalent to a reduction from 11 to 3.3% 
of mean volume flow. Phase error correction strongly affected stroke vol-
ume (range –11 to 26%).
Conclusion: The method significantly reduces phase offset errors in pul-
monary artery flow. ◦

AbstRAct

4.1 Introduction

IN MR CINE PHASE-CONTRAST VELOCITy qUANTIFICATION, the velocity-encod-
ed phase images can be distorted by non-compensated eddy current-induced fields and 
concomitant gradient terms.1,2 These result in phase offset errors that can be recognized 

by nonzero velocity of stationary tissue.2 As volume flow assessment in the large vessels is 
determined by integration over time and space, relatively small velocity offsets can lead to 
significant errors in mean volume flow, stroke volume and cardiac output. Most scanners are 
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designed to compensate for the induced fields, but with the recent advent of high-power gradi-
ent systems the problem of phase offset errors has again become more prominent.1 

For correction of phase offset errors, several post-processing methods exist.2 Most com-
monly, the offset is estimated from a region of stationary tissue,3,4 but due to spatial variation 
of the offset this region has to be near the vessel of interest. This method does not work for 
flow quantification in the great vessels near the heart because of lack of stationary tissue in the 
vicinity of the heart. One solution is to perform a separate acquisition on a stationary phantom 
to determine the phase offset at the location of the vessel.3 However, this acquisition has to be 
repeated for each individual case, as the slice orientation influences the phase offset. Therefore, 
this solution is inconvenient in clinical practice. Another solution is to assume that the phase 
errors exhibit a smooth spatial variation and to estimate the spatial distribution of the com-
plete velocity image.5 A specific implementation of this method, proposed by Walker et al.,6 has 
been applied frequently.7,8 Assuming phase offset errors exhibit linear spatial dependency, they 
estimated the phase offset errors by fitting a flat surface through the velocities in all stationary 
tissue of the image, and subtracting the surface from the velocity image. The method was pro-
posed in 1993 and was originally used for reduction of phase offset errors in in-plane velocity 
quantification. Since then, the power of gradient coils of MR scanners has increased, resulting 
in larger phase offset errors. 

The method of Walker et al. seemed to work well when it was originally proposed.6 It is 
clear, however, that it was not designed for correction of phase offset errors due to concomitant 
gradient terms, as the importance of these terms for velocity quantification was not quantified 
until the late 1990s.1 In presence of concomitant gradient phase offset errors, a linear surface 
would not suffice as the lowest order of these errors is quadratic, but because their physical 
origin is well understood they can be corrected analytically in the reconstruction.1 It has been 
doubted, whether the method is useful for correction of phase offset errors that remain after 
correction for concomitant gradient terms. In an in vitro study, Greil et al.7 applied the method 
to velocity images of a pulsatile flow phantom that had been corrected for concomitant gradi-
ent terms. They found no significant reduction of the errors, but whether correction in vivo 
would yield the same results was not tested.

In this study, a variant of the method of Walker et al. was evaluated for clinical measure-
ment of stroke volume and mean volume flow in the main pulmonary artery of patients with 
various forms of pulmonary hypertension and healthy volunteers. An MR scanner with a high-
power gradient system was used, and the correction method was applied after compensation 
of phase errors due to concomitant gradient terms. In particular, we studied whether a linear 
or a higher-order surface should be used, and which threshold is optimal for discriminating 
stationary from nonstationary tissue. The velocities measured in a stationary phantom with the 
same acquisition parameters as in the patient, were a measure for the true phase offset errors 
in the patient.3,9,10

4.2 Materials and methods
4.2.1Phase offset error correction

Phase offset error in stationary tissue
In through-plane phase-contrast flow quantification, the pixel value of the phase images is 
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proportional to the velocity component perpendicular to the imaging plane. If blood or tissue 
at position ( x, y ) in frame ti has a true velocity component perpendicular to the imaging plane 

( , , )iv x y t , a phase offset error off ( , , )iv x y t , the actually measured velocity ˆ( , , )iv x y t  equals

 
off

ˆ( , , ) ( , , ) ( , , ) ( , , )
i i i i

v x y t v x y t v x y t ε x y t    (4.1)

with ( , , )
i

ε x y t zero-mean noise. In stationary tissue, ( , , )iv x y t  equals zero. Hence, ˆ( , , )iv x y t  
and off ( , , )iv x y t  are approximately equal. If, furthermore, the phase offset error is constant dur-
ing the cine, the signal-to-noise ratio can be improved by temporally averaging the velocity in 
stationary tissue. 

Therefore, assuming that the phase offset error is constant during the cine, an estimate of the 
error in stationary tissue can be obtained from the temporally averaged velocity of stationary 
tissue statv
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with N the number of frames in the cine. In the original method, the latter averaging was not 
applied, but the phase offset error in stationary tissue was estimated for each time frame sepa-
rately.6

Phase offset error in nonstationary tissue
Phase offset errors of different sources are known to exhibit a smooth spatial dependence.1,5,11 
This property allows estimation of the phase offset error in nonstationary pixels from a surface 
fit through the phase offset error in stationary pixels. By subtracting the fitted surface from the 
phase image, the phase offset errors are corrected. 

The unknown, not necessarily flat, surface ( , )S x y  can be approximated by a two-dimen-
sional Taylor expansion of order k 
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with ija  unknown parameters. Because Equation (4.3) is linear in the parameters ija , an ordi-
nary least-squares method can be used to estimate them for a specified order k. Originally, or-
der k = 1 was used and the least-squares problem for this linear surface was solved analytically.6 
We estimated S for different values of k and used MATLAB’s standard least-squares algorithm.12 
In order to improve numerical accuracy, the pixel values of the phase image and the x and y 
coordinates were converted to double precision. 

In case of spatial aliasing (infolding) artefacts, the spatial dependence is distorted. This gen-
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erally leads to a surface fit of higher order than intrinsically necessary for the real phase offset 
error. Areas with spatial aliasing artefacts were therefore excluded manually from the surface 
fit.

Selection of stationary tissue
For the surface fit, it is necessary to discriminate stationary from nonstationary pixels. By defi-
nition, stationary pixels exhibit little or no variation in ˆ( , , )iv x y t  during the cine. Therefore, 
the (time) standard deviation, a measure of variation, was used to select the stationary pixels. 
The standard deviation ( , )σ x y  at pixel ( , )x y  equals 

  2
1

1
( , ) ( , , ) ( , )

1

N

i
i

σ x y v x y t v x y
N 

 
   (4.4)

with ( , )v x y  the time-average of ( , , )iv x y t .
Pixels were regarded stationary if ( , )σ x y  was below a certain threshold value. This threshold 

value was chosen such that the lowest percentile of the standard deviations λ was regarded sta-
tionary. If, for example, the user chose to include 50% of all pixels (λ = 0.5), the threshold was 
the median value of ( , )σ x y . Originally, a stationarity percentile of  15% was suggested.6 

Order and percentile selection
The performance of the correction method, for a particular surface order k and percentile 
λ, was assessed as follows. The estimated offset 

,
( , )k λS x y  was spatially averaged across the 

pulmonary artery cross-section, and was compared with the velocity of a stationary phantom 
acquisition spatially averaged across the same region. This phantom measurement, acquired 
with the same acquisition parameters and image orientation as the subject’s measurement, was 
regarded as the reference. Thus, the performance δk,λ was defined as

 , , phantk λ k λ
δ S v   (4.5)

with 
,k λ

S  the estimated offset and phantv  the velocity in the phantom, both averaged across the 
vessel cross-section. The surface order was varied from k = 0 to 5 (with k = 0 the mean value of 
the stationary pixels). For each order, λ was varied from 0.05 to 0.50 of the pixels with steps of 
0.05. For each k and λ, the performance δk,λ was calculated. 

4.2.2 Acquisitions

In a group of thirteen patients (mean age 51 y, 8 male) with various forms of pulmonary hyper-
tension, and two healthy subjects (1 male of age 29 y, 1 female of age 65 y) flow was measured 
in the main pulmonary artery using phase-contrast velocity quantification. A 1.5 T whole body 
scanner (Magnetom Sonata, Siemens Medical Systems, Erlangen, Germany) equipped with 
a 40 mT/m gradient coil and a 200 T/m·s slew rate was used. For the volunteer acquisitions, 
informed consent was obtained according to rules of the ethical committee of our center. 

MR phase-contrast velocity measurements were performed as follows. On a sagittal scout 
image, an oblique plane perpendicular to the main pulmonary artery was positioned. A two-
dimensional spoiled gradient-echo pulse sequence was applied with an excitation angle of 15°, 
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a TE of 4.8 ms, TR of 11 ms and a receiver bandwidth of 170 Hz per pixel. One-dimensional 
velocity-encoding was performed perpendicular to the imaging plane. Velocity sensitivity was 
set to 120 cm/s, but if appropriate adjusted to lower or higher values in individual cases. The 
velocity encoding was interleaved, resulting in a temporal resolution of 22 ms. The field of 
view was set to 260 × 320 mm, and the matrix size to 208 × 256. No k-space segmentation was 
applied and acquisitions were not averaged. In the reconstruction, the Maxwell concomitant 
gradient terms were corrected to the order 1/B0.

1 The acquisition was prospectively triggered 
to the ECG, and during the acquisition, the patients breathed freely. This flow measurement 
is part of the MR protocol that is included in the clinical work-up of patients with pulmonary 
hypertension in our center.13

Directly after the patient acquisition, the acquisition was repeated (with identical acquisi-
tion parameters and image orientation, but without ECG triggering) on a stationary fluid-filled 
phantom. In order to increase the signal-to-noise ratio, 5 or 10 acquisitions were averaged. 

4.2.3 Data Analysis

Flow analysis in the main pulmonary artery was done with Medis Flow (version 3.1β, Medis, 
Leiden, the Netherlands). Contours surrounding the vessel cross-section were drawn in the 
magnitude image. Spatial wrapping artefacts were manually excluded from the surface fit, by 
enclosing them in another contour.

For determination of the optimal combination of surface order and stationarity percentile 
( , )k λ , the perfomance δk,λ was investigated using a univariate analysis of variance (ANOVA) 
with Bonferroni correction. Subject was treated as a random factor in order to control interin-
dividual variation, while k and λ were treated as fixed factors. A two-way interaction of k and 
λ was also included in the model. In order to stabilize variance, log δk,λ was used as a response 
variable. 

A paired t-test was performed for comparison of the average error in the vessel cross-section 
before and after phase offset error correction with the optimal k and λ. To study the effect of 
phase offset error correction on mean volume flow and stroke volume, both quantities were 
derived from the subjects’ volume flow curves before and after correction. Stroke volume was 
calculated from the systolic phase of the volume flow curve (forward flow only). Both phase 
offset error correction and performance analysis were conducted with MATLAB (version 7.0.0, 
r14).12 Statistical analysis was conducted with SPSS (version 10.0 for Windows).

4.2.4 Check of assumptions

A simple check of the phantom measurement as a standard for offset determination was made 
by comparing the velocities in the phantom and in stationary tissue. The stationary tissue was 
identified in the patient acquisition (with λ = 0.35). Subsequently, all cardiac tissue and regions 
of ghosting were excluded manually to make sure that all the selected pixels represented sta-
tionary tissue. From this selection, the pixels located within the phantom cross-section were 
identified. The spatial and time average velocity of these pixels was compared with the spatial 
average velocity of the corresponding pixels in the phantom acquisition.

Stationarity of the phase offset errors, assumed for the time-independent variant of the cor-
rection method, was checked by plotting the spatial average of the selected stationary pixels 
(λ = 0.25) in each acquisition as a function of time.
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4.3 Results
4.3.1 Order and percentile selection

For determination of the optimal combination of surface order k and stationarity percentile 
λ, the absolute difference between the estimated and the reference velocity δk,λ was calculated 
for all combinations in all patients. In Figure 4.1, δk,λ averaged over all subjects, is shown as a 
function of k and λ. On average, δk,λ was minimum for a linear surface (k = 1) and 25% of the 
pixels regarded stationary (λ = 0.25). In the ANOVA, both k and λ were found to be a significant 
factor in the response (both at levels p < 0.001), but the interaction between both proved insig-
nificant (p > 0.6). Post-hoc-testing showed that the response was significantly lower for k = 1 
and λ > 0.10. Hence, a linear surface (k = 1) with a non-critical stationarity percentile of 25% 
(λ = 0.25), gives optimal performance of the phase offset error correction method. A resulting 
selection of stationary pixels of two patients is shown in Figure 4.2. As can be observed from 
the right panel, most pixels in a ghosting band are automatically excluded.

4.3.2 Effect on flow quantification

Phase offset error correction significantly reduced the average error and removed the average 
bias in both mean velocity and mean volume flow. A pulmonary artery volume flow curve, 
before and after correction is shown in Figure 4.3. Uncorrected, the average phase offset error 
in the mean velocity in the pulmonary artery as compared with the phantom acquisition at 
the same location was 0.76 ± 0.74 cm/s (μ ± σ). This is equivalent to a root mean square error 
( 2 2μ σ  ) of 1.1 cm/s. After correction, the error significantly reduced to –0.04 ± 0.35 cm/s 
(p < 0.01), which is equivalent to a root mean square error of 0.35 cm/s. The uncorrected and 
corrected phase offset errors in the mean velocities of the individual subjects are shown in 
Figure 4.4a. In two cases, the error in the mean velocity increased in absolute value after cor-
rection (from 0.17 to 0.42, and from –0.05 to 0.17 cm/s). 
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Figure 4�.2� Selections of stationary pixels (white) in two patients (A and C, λ = 0.25) with the corresponding magnitude 
images (B and D). Strong ghosting artifacts (between the dashed lines in D) are excluded from the selection auto-
matically (less pixels selected in corresponding area in C). AO = aorta; PA = pulmonary artery.
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Figure 4�.3 A pulmonary artery flow curve before and after phase error correction. In this case, the phase offset error 
was reduced from 0.51 to 0.05 cm/s. 
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The mean volume flow before and after correction was 113 ± 35, and 104 ± 34 ml/s. To what 
extent phase offset errors and their correction affect mean volume flow in the pulmonary ar-
tery can be seen from Figure 4.4b, in which the error in mean volume flow before and after 
correction is shown as a percentage of the uncorrected mean volume flow. Uncorrected, the 
error was on average 6.9 ± 8.8% of mean volume flow (range –11 to 18%), and after correction it 
was reduced to –0.2 ± 3.3% (range –6.2 to 6.1%). This is equivalent to a reduction in root mean 
square error from 11 to 3.1% of mean volume flow. Stroke volume changed from an average of 
85 ± 31 to 78 ± 31 ml. This corresponds to an average change of 7 ± 11% (range –11 to 26%). Thus, 
phase error correction strongly influenced stroke volume. 

4.3.3 Check of assumptions

The agreement between the phase offset error of pixels in stationary tissue and the correspond-
ing phase offset error in the phantom is shown in Figure 4.5. The phase offset error in station-
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Figure 4�.5� Average phase offset error in stationary tissue and the corresponding regions in the phantom acquisition.
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ary tissue correlated well with the phase offset error in the phantom ( =2 0.81R , p < 0.001). 
Slope and intercept of the regression line did not differ significantly from 1 and 0, respectively. 
The standard deviation of the residuals was equal to 0.41 cm/s.

Figure 4.6 shows the spatial average of the offset in all stationary pixels (λ = 0.25) as a func-
tion of the frame number in four subjects. In general, about the first ten frames showed oscil-
lations in all patients, whereas the rest of the cardiac cycle was stationary. Because the overall 
average was about equal to the diastolic value, the oscillations did not affect integrated param-
eters such as stroke volume and mean volume flow.

4.4 Discussion
4.4.1 General discussion

In this study, the performance of a time-independent variant of the method of Walker et al.6 
for correction of phase offset errors in phase-contrast velocity quantification of pulmonary 
artery flow, was validated on an MR scanner equipped with a high-power gradient system. 
Application of the method in 15 subjects showed that correction with a first-order surface and 
25% of the pixels regarded stationary, gave a significant reduction of the phase offset errors in 
pulmonary artery flow. In the investigated range (5-50%), the choice of the percentile of pixels 
regarded stationary did not turn out to influence the performance of the correction method as 
long as it exceeded 10%. The choice of the surface order, however, did. Our findings confirm 
the use of a linear surface, as was applied by Walker et al. Thus, application of this method is 
still valid when concomitant gradient terms have been compensated. 

Compared with a phantom acquisition, application of the correction method reduced the 
average absolute velocity error from 1.1 to 0.35 cm/s. Thus, the accuracy is about equal to that 
of the separate phantom measurement. As a percentage of mean volume flow, the error was 
reduced from 11 to 3.1% on average. In none of the subjects, the error exceeded an absolute 
error of 6.3% of mean volume flow after correction. We regard this acceptable for clinical ap-
plication.

The phase offset errors measured in a stationary phantom served as a reference for the phase 
offset error. In agreement with other studies,3,9,10 the phantom matched stationary tissue well 
although differences were found (Figure 4.3). These differences may be attributed to disparities 
in eddy-current induction in the homogenous phantom fluid and in the heterogeneous human 
thorax. Also eddy-current fluctuations over time may play a role, but their influence was mini-
mized by conducting the phantom acquisition directly after the subject acquisition. Though in 
individual cases differences may occur, on average no bias was found.

This study had several limitations. First, this study focused on correction of phase offset 
errors of a single MR scanner for a specific imaging plane with a single acquisition sequence. 
Strictly speaking, no conclusions can be drawn about other scanners, imaging planes and se-
quences. However, because the results confirm the validity of the method of Walker et al. in a 
different setting, it is likely that the method is also applicable in other settings. As stated before,6 
the optimal percentile might be different for other applications with another slice position.

Second, in contrast to the original method of Walker et al., a time-independent surface fit 
was applied. We made this choice because we mainly focused on clinical use for noninvasive 
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stroke volume quantification. In that case, the time-averaged volume flow is of more impor-
tance. We argued that fitting to time-averaged pixels would yield a better surface fit because of 
improved signal-to-noise ratio, which is especially important for fitting higher-order surfaces. 
For higher order surface fits, the number of parameters increases rapidly (e.g. a surface order 
of k = 5 is described by 21 parameters, see Equation (4.3)). It turned out that a surface order of 
k = 1 (with three parameters) is optimal and that the assumption of stationarity of the phase 
offset error was somewhat violated in systole. However, as can be seen from Figure 4.4, the 
overall average equals the diastolic value, thus these nonstationarities (due to eddy current 
stabilization after the short scan delay due to prospective ECG triggering) do not significantly 
influence the time average. In retrospect, we conclude that a time-dependent fit might have 
been better, but because the phantom acquisitions were untriggered we cannot really answer 
that question. Note that application of retrospective gating would also results in a more stable 
and time-invariant phase offset.14

A more general limitation of this kind of correction methods is their sensitivity to spatial 
aliasing (infolding) artifacts. Because they should be manually removed from the selection 
of stationary pixels, the method cannot be implemented fully automatically. Fully-automatic 
implementation is furthermore restricted by a possible dependence of the stationarity percen-
tile on the application. Because human interaction thus cannot be excluded, it would be most 
suitable to implement the correction method in flow analysis software.

The clinical value of MR phase-contrast flow quantification depends heavily on the reliability 
with which parameters such as mean volume flow and stroke volume can be determined. The 
results of this study indicate that phase offset errors strongly influence these parameters. The 
average change in stroke volume was 7 ± 11%, with a maximum of 26%. Thus, phase offset errors 
have a large impact on stroke volume. For clinical use, this is undesirable, because it impairs 
flow quantification and its sensitivity for detecting changes (e.g. due to therapy or progression 
of a disease). This is especially important in patients with pulmonary hypertension. In these 
patients stroke volume may be low  (< 50 ml), but it may also be the only parameter that corre-
lates with clinical improvement.15,16 The results of this study indicate that even in these patients, 
phase offset errors can be effectively reduced. It does so, without introducing an elaborative 
procedure (e.g. an extra phantom acquisition) or too much observer-dependency. 

In conclusion. In this study, an existing method for correction of phase offset errors was 
evaluated in vivo using the pulmonary artery flow of 15 subjects. Using a linear surface fit, and 
regarding 25% of the pixels stationary, the average error in the mean volume flow was reduced 
to below 6.3%. Thus, phase offset errors remaining after compensation for concomitant gradi-
ents, can be effectively reduced on an MR scanner with a high-power gradient system. ■
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Modeling the instantaneous pressure-
volume relation of the left ventricle: 
a comparison of five models

AbstRAct Simulations are useful to study the heart’s ability to generate flow and 
the interaction between contractility and loading conditions. The left 
ventricular pressure-volume (PV) relation has been shown to be non-
linear, but it is unknown whether a linear model is accurate enough for 
simulations. Six models were fitted to the PV-data measured in five sheep 
and the estimated parameters were used to simulate PV-loops. Simulated 
and measured PV-loops were compared with the Akaike information 
criterion (AIC) and the Hamming distance, a measure for geometric 
shape similarity. The compared models were: a time-varying elastance 
model with fixed volume intercept (LinFix); a time-varying elastance 
model with varying volume intercept (LinFree); a Langewouter’s pres-
sure-dependent elasticity model (Langew); a sigmoidal model (Sigm); a 
time-varying elastance model with a systolic flow-dependent resistance 
(Shroff) and a model with a linear systolic and an exponential diastolic 
relation (Burkh). Overall, the best model is LinFree (lowest AIC), closely 
followed by Langew. The remaining models rank: Sigm, Shroff, LinFix 
and Burkh. If only the shape of the PV-loops is important, all models 
perform nearly identically (Hamming distance between 20 and 23%). For 
realistic simulation of the instantaneous PV-relation a linear model suf-
fices. ◦

5.1 Introduction

SIMULATION of the relation between pressure and volume of the left ventricle (LV) of the 
heart provides important information on ventricular function.1,2 Since ventricular func-
tion is the result of the complex interaction between contractility, heart rate and pre- and 

afterload, simulation models provide a useful means to unravel the contribution of each factor 
and to get insight in how they interact.

If pressure of a number of beats is plotted against volume while pre- or afterload of the heart 
is varied, points of different cardiac cycles that occur at the same time in the cardiac cycle can 
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be connected to form isochrones. In the classical time-varying elastance model of Suga et al.,3 
these isochrones are considered straight lines that intersect the volume axis in a single point. 
The slope of the isochrones, time-varying elastance, reflects the contractile behavior of the 
heart. The maximum slope that defines end-systole is considered to be a good load-indepen-
dent measure for contractility.1 This end-systolic isochrone is therefore called the end-systolic 
pressure-volume relation (ESPVR).

Since the work of Suga et al.,3 several studies have shown that isochrones are nonlinear 
and that the volume intercept varies substantially. Especially the end-diastolic and end-systolic 
pressure-volume relation (EDPVR and ESPVR, respectively) have been studied extensively. In 
the early 1970s, it was shown that the EDPVR of isolated canine hearts fitted well to an exponen-
tial model.4-6 It was even shown that in subphysiological volume ranges, increasingly negative 
pressures are required to reduce volume.2,7 Studies of the ESPVR, although not necessarily co-
inciding with an isochrone, revealed that it was concave or convex towards the volume axis.8-11 
If the slope of the ESPVR is not constant, contractility varies with the end-systolic volume, and 
therefore nonlinear isochrones result in a load-dependent measure of contractility. That the 
volume intercept shows considerable variation, has been shown more recently.8,11

Although the time-varying elastance defines an elastance for each moment in the cardiac 
cycle, linearity of the isochrones other than the ESPVR and the EDPVR, has not been studied 
very often. Funai and Thames12 studied the isochronal behavior in left ventricular pressure-wall 
thickness relations, assuming that the latter relation is closely related to time-varying elastance. 
In the basal state and during modest inotropic alterations, isochrones were linear near end-
systole, but parabolic during early systole. Claessens et al.11 focused on the isochrones in the 
pressure-volume relation during the entire cardiac cycle. Using several models, they system-
atically studied the linearity of the isochrones and the variation in the volume intercept in 
data measured in mice. They observed that the volume intercept varied considerably and that 
isochrones are better described by parabolic or logarithmic than by linear isochrones. Further-
more, they observed sigmoidal behavior of the isochrones during the isovolumic phases.

This study focuses on simulation of the instantaneous LV pressure-volume relation. Giv-
en the actual nonlinearity of the isochrones, is the assumption of linear isochrones accurate 
enough for realistic simulation of the instantaneous pressure-volume relation or should a non-
linear model be used? To answer this question, six different isochrone models were fitted to 
isochrones measured in five sheep and these fitted models were used as input to a simulation 
model of the isochronic behavior of the heart. The model is used to simulate pressure and vol-
ume in the presence of a realistic arterial system. The fit of simulated pressure and volume were 
compared to the measured data using a statistical criterion to weigh the goodness-of-fit against 
the number of parameters in the model. 

5.2 Materials and methods
5.2.1 Isochrone models

Linear model with fixed intercept (LinFix)
The classical time-varying elastance model of Suga et al.3 relates left-ventricular pressure P(t) 
and volume V(t) according to
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 [ ]0( ) ( ) ( )P t E t V t V= −  (5.1)

with E(t) elastance, a time-dependent slope, and V0 the fixed volume-axis intercept. As noted, 
this model results in a linear pressure-volume (PV) relation for each moment in time (i.e. iso-
chrones are straight lines, Figure 5.1). E(t) was estimated by constrained linear regression of all 
isochrones of the cardiac cycle with volume-axis intercept V0 as constraint. V0 was determined 
by linear regression to the ESPVR. The ESPVR is defined by the upper-left corner points of the 
PV-loops, which are identified by an automatic algorithm (see Appendix B). Note that the ES-
PVR not necessarily coincides with an isochrone. 

Linear model with free intercept (LinFree)
The linear model with free intercept is identical to the LinFix model except for the intercept V0 
which is allowed to vary with time. The model thus relates P(t) and V(t) according to

 [ ]0( ) ( ) ( ) ( )P t E t V t V t= −  (5.2)

This model also results in linear PV-relationships for each moment in time (Figure 5.1). E(t) 
and V0(t) were estimated by unconstrained linear regression of all isochrones of the cardiac 
cycle. 

Langewouters model (Langew)
The Langewouters model has originally been derived to describe pressure-area relations of 
arteries.13 Here it is translated to the PV-relation of the ventricle. The model then reads 

  1
0 1 2

( ) ( ) ( )tan ( )
m m

P t P t P t π V t V V     (5.3)

with P0(t) and P1(t) two time-varying parameters and Vm a fixed maximum physiological vol-
ume. In the high-volume range, high pressures are required to increase volume close to its 
maximum value Vm, while in the low-volume range large negative pressures are required to 
reduce volume to negligible values.7 In the physiological range of volumes, pressure is non-
linearly related to volume. For each isochrone, pressure equals P0(t) at V = Vm/2, while the 
slope is proportional to P1(t). For all sheep, Vm was fixed to a value of 125 ml. With Vm time-
independent, the model is linear in parameters P0(t) and P1(t), which were therefore estimated 
with a linear least-squares method.14 The model results in the tangentially curved isochrones 
shown in Figure 5.1. 

Sigmoidal model (Sigm)
Especially for modeling of the observed sigmoidal shape of isochrones,11 we formulated a sig-
moidal model. The model reads 
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with A(t) an amplitude and B(t) a vertical offset. For a given time t, the sigmoid function is an 
S-shaped curve (Figure 5.1) that is enclosed by two horizontal asymptotes, at B and A + B. The 
bending point of the isochrone is located at V = Vref and P = B + A/2. At the bending point, the 
slope is proportional to α. To reduce the degrees of freedom in the model, B(t) was set equal 
to the pressure of the loop with the lowest filling pressure. The remaining model parameters 
where estimated by fitting each isochrone to the model with a nonlinear least-squares method 
based on the interior-reflective Newton method.14

Shroff model (Shroff)
Since numerous studies15-19 have shown that the instantaneous PV-relation of the LV is also a 
function of flow (resistive behavior), we also included a model with a systolic resistance as 
proposed by Shroff et al.15 The model reads

  0
( ) ( ) ( ) 1 ( )P t E t V t V ρV t    

   (5.5)
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Figure 5�.1 The isochrone models that are compared in this study with the meaning of their parameters. PV-loops rep-
resenting three different preload-conditions are shown. Open circles denote corresponding (isochronal) points in the 
cardiac cycle. An isochrone (dashed red line) is shown for each of the four cardiac phases. The dots within the open 
circles in the Sigm model denote the pressure of the loop at the lowest filling pressure to which parameter B is set. 
For clarity, the loops in the Langew and Sigm model are shifted along the volume axis. Shroff is not shown, since it is 
the same as the LinFix model apart from ejection where its isochrones, due to flow depedence, do not have such a 
clearly prescribed shape as the other models have. See text for abbreviations and details.
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with E(t) time-varying elastance, V0 a fixed volume-axis intercept, ( )V t  ventricular outflow 
and ρ a fixed resistance proportionality factor. Note that this model is identical to LinFix if 
flow is zero. The presence of ventricular outflow in this model complicates matters in that it is 
not a purely instantaneous description of the PV-relation (i.e. time can no longer be regarded 
as a parameter). Because we did not measure aortic flow, we used the derivative of the volume 
signal during the ejection phase (defined by the corner points of the PV-loops) as a measure 
of ventricular outflow and we assumed flow to be zero outside the ejection phase. Since sheep 
and dogs are comparable in terms of ventricular pressure and peak flow, we followed Shroff et 
al.15 in their use of a fixed value of 0.0015 s/ml for ρ. Then, because the second bracketed factor 
of Equation (5.5) is known, after division of pressure by this factor, E(t) and V0 can be estimated 
in the same way as in LinFix. 

Burkhoff model (Burkh)
In their analysis of heart-arterial interaction, Burkhoff et al.20 combine a linear elastance systol-
ic model with an exponential diastolic model. Because of its relatively small number of param-
eters, the model may be of interest for simulation purposes. The model assumes a linear ESPVR, 
an exponential EDPVR and a smooth transition between both for the remaining isochrones 
(Figure 5.1). The ESPVR reads

 es max 0( ) ( )P V E V V= −  (5.6)

with Pes(V) end-systolic pressure, Emax maximum elastance and V0 the volume-axis intercept. 
The EDPVR reads

 0( )
ed ( ) 1B V VP V A e − = −   (5.7)

with Ped(V) end-diastolic pressure, A and B constant parameters and V0 the same value as in 
Equation (5.6). The isochrones in between the end-diastolic and end-systolic isochrone are 
modeled with a weighted sum of the ESPVR and EDPVR 

    es ed
, ( ) ( ) 1 ( ) ( )P V t α t P V α t P V     (5.8)

with weighting factor α(t) that varies between 0 and 1. Burkhoff et al.20 originally used a sinu-
soidal function for α(t), but from a preliminary study we found that this would yield unrealistic 
isochronal behavior. Therefore, to make this model more realistic but at the same time main-
tain its simplicity, we used a fifth order polynomial for the systolic part of α(t)

 5 4

1 2 5 6
( ) ...α t a t a t a t a       (5.9)

with the constraints that α(t) reaches its maximum of 1 at Tmax, the time of maximum elastance, 
and that α(t) = 0 at t = 0 and during diastole. Note that the constraints limit the degrees of 
freedom of the polynomial to three. Therefore only three of the parameters a1 through a6 have 
to be estimated. 

The ESPVR was determined from the corner points of the PV-loops. Unconstrained linear re-
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gression was applied to the ESPVR to find Emax and V0. Tmax was determined from the isochrone 
that best fitted the ESPVR in the orthogonal sense (i.e. least-squares of deviations in both P and 
V direction). The first isochrone of the cardiac cycle was regarded as the EDPVR. The param-
eters A and B of Equation (5.7) were estimated with a nonlinear least-squares method14 and, 
subsequently, the parameters of α(t) were estimated using constrained linear regression.14 

5.2.2 Experimental protocol

We analyzed data from the study of Staal et al.,21 for which ventricular volume and pressure 
were measured simultaneously in five closed-chest sheep (35.0-46.0 kg). We only used data 
measured during baseline conditions. For the measurements, the chest could remain closed. 
The surgical and experimental procedures were reviewed and approved by the animal research 
committee of the Leiden University Medical Center. The animals were treated following guide-
lines published by the U.S. National Institutes of Health.22 Pressure and volume were measured 
while preload was gradually reduced by balloon occlusion of the vena cava inferior. During 
the procedure, the right atrium was paced at a fixed heart rate of about 80 bpm. Volume was 
calibrated by thermodilution in the pulmonary artery and parallel conductance was assessed 
by the hypertonic saline method.23,24 LV volume and pressure, aortic pressure and an ECG lead 
were sampled at a frequency of 250 Hz using a Leycom Sigma 5 signal processor (CDLeycom, 
Zoetermeer, the Netherlands). The ECG was recorded for the identification of the onset of in-
dividual cardiac cycles. 

5.2.3 Isochronal fitting

The sampled P(t) and V(t) of each sheep were transformed to isochrones by defining t = 0 at 
the moment of the R-wave in the ECG and collecting data of different cycles that occurred at the 
same time after t = 0. The cycle with the smallest number of samples determined the number of 
isochrones in a sheep that was analyzed. Because of cardiac pacing, cycle lengths differed only 
by a few samples (about four samples at a total cycle length of 188). In the analyses, the data 
was represented in matrix form with isochrones in rows and cycles in columns. Note that the 
EDPVR (i.e. the isochrone corresponding to t = 0) is an isochrone by definition, while the ESPVR 
(defined by the upper left corner points of the PV-loops) is not an isochrone.

5.2.4 Arterial model

In our simulation model, the arterial system of the ventricle was modeled with a three-element 
windkessel model.25 Since aortic flow was not measured, we estimated the parameters of the 
windkessel model from the aortic pressure waveform and stroke volume only. We adopted the 
method of Westerhof et al.,26 by assuming a triangular flow waveform. Ejection was supposed 
to start at the moment of end-diastole and end at the moment of the incisura of the aortic pres-
sure waveform. The peak height of the triangle was chosen such that the area of the triangle 
equaled stroke volume and the moment of peak flow was set at one sixth of the ejection period. 
After rewriting the equations of the windkessel model into state-space representation (flow as 
input, pressure as output), the parameters were estimated by the prediction error method of 
MATLAB’s system identification toolbox.27 The windkessel parameters were estimated for each 
cardiac cycle separately.
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5.2.5 Simulations

Simulation model
To assess how the different isochrone models behave, all were incorporated in a simulation 
model of a ventricle with an arterial system. A diagram of the comparison is shown in Figure 
5.2. We used a model that has often been used for the study of heart-arterial interaction.20,28-30 
The LV is modeled by each of the isochrone models. Filling volumes are set equal to the mea-
sured end-diastolic volume, and mitral and aortic valves are modeled as purely unidirectional 
valves. The arterial load is the windkessel model with parameters estimated per beat, as de-
scribed above. 

Model implementation
The models were incorporated in an existing simulation model of the ventricle and the arterial 
system,31 shown in Figure 5.2. For each combination of the mitral and aortic valve positions 
(open/closed), the governing differential equations were identified and rewritten into state-
space representation. This resulted in a system with two state variables: ventricular volume and 
peripheral pressure. For each moment of the cardiac cycle, the valve positions were identified. 
Subsequently, state-space matrices corresponding to these valve positions were passed to the 
differential equation solver. Solving was repeated with a different value for the initial periph-
eral pressure until aortic pressure was periodic (i.e. pressure at the end equals pressure at the 
beginning of the cycle). 

Measured data in the sheep

Fit isochrone model
PLV = ƒx(VLV) Fit windkessel model

Transform to 
isochrones

Construct
triangular �ow

PLV    VLV PLV    VLV

Simulate PLV and VLV

PLV ,sim   VLV,sim

Pao Pao SV

Isochrones Triangular 
�ow

Isochrone
parameters Windkessel

parameters

x = {ai }

Compare

Root mean square error
Akaike information criterion
Hamming distance
Hemodynamic indices

Simulation model

Pv
PLV = ƒx(VLV)

Rv
ZWK3

RWK3

CWK3

Figure 5�.2� Flow chart of the comparison procedure of measured and simulated data. PLV = ƒx(VLV) represents each of 
the six isochrone models with parameters x = {ai}. The procedure is followed for each sheep and each model. PLV, VLV 
= left-ventricular pressure and volume; Pao = aortic pressure; SV = stroke volume; Pv = venous pressure; Rv = venous 
resistance; RWK3, CWK3 and ZWK3 = peripheral resistance, arterial compliance and characteristic impedance of the 
windkessel model; sim = simulated.
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Implementation issues
Two specific implementation issues had to be dealt with. First, instead of varying the filling 
pressure for simulating vena cava occlusion, LV end-diastolic volume was varied. Although 
lowering the filling pressure in the model would seem to be a more obvious choice, this would 
yield unrealistic results in the LinFix model. Since the EDPVR is nonlinear and since V0 of the 
LinFix model is estimated from the ESPVR, the model fits to the EDPVR rather poorly. Due to 
the small slope of the fitted isochrone, end-diastolic volume is extremely sensitive to changes 
in filling pressure. As a consequence, evaluating the isochrone at the measured filling pressure 
would result in an unrealistic end-diastolic volume in most cases. Therefore, for all models 
the simulated end-diastolic volume was set at the measured value and the filling pressure was 
evaluated from the fitted instead of the measured end-diastolic isochrone. Second, for each 
ventricular model and each cardiac cycle, a separate value for the source resistance Rv (Figure 
5.2) was used. Since Rv strongly influences the filling rate, we estimated the value of this resist-
ance during simulation by assuming that volume is a linear function of time during diastolic 
filling (i.e. filling rate is constant). Given an isochrone model, stroke volume and end-diastolic 
volume, Rv can be calculated with Ohm’s law.

Simulations
For each ventricular model, the parameters were set at the values found by fitting the iso-
chrones. Subsequently, for each cardiac cycle, the windkessel parameters were set at the values 
estimated with the above described procedure. Each cardiac cycle was simulated separately. 

5.2.6 Model comparison

Simulated pressure and volume were compared with measured pressure and volume using the 
Akaike information criterion AIC.32 For each sample in the cardiac cycle of all loops of a sheep, 
the deviation d(ti) of the simulated from measured pressure and volume was calculated as

 
2 2

sim meas sim meas
( ) ( ) ( ) ( )

( )
Δ Δ

i i i i

i

P t P t V t V t
d t

P V

    
    

   
  (5.10)

with Psim and Vsim the simulated pressure and volume, Pmeas and Vmeas the measured pressure and 
volume. ∆P and ∆V were added for reasons of dimensionality. ∆P was defined as the difference 
between maximum and minimum pressure measured in a sheep, and ∆V likewise as the differ-
ence between maximum and minimum volume. AIC was calculated according to 

 AIC 2 ln 2J K= − +  (5.11)

with J the sum of squared residuals 2 ( )id t∑  and K the number of parameters in the model. 
Since all models contain time-varying parameters, the value of K not only depends on the 
model but also on the number of isochrones (due to differences in cycle length). Table 5.1 
shows the values of K used for each model and each sheep. Note that each time-varying pa-
rameter is regarded as a collection of N independent parameters. Also note that an additional 
fixed parameter is accounted for, which represents the estimation of J.32 
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Since Equation (5.10) depends on time, the goodness-of-fit of a model depends on the pa-
rameterization in the PV-plane. Then, the shape of a simulated PV-loop may approximate the 
shape of its measured counterpart closely, but the d(ti) may still be considerable. For some ap-
plications one might be interested solely in the shape of the PV-loops. Therefore, we also com-
pared the shape of the PV-loops independent of the parameterization. A simple measure of 
geometric shape similarity is the Hamming distance,33 which measures the area of the regions 
lying within one of the two shapes but not within both. We calculated the Hamming distance 
between the measured and simulated loops by converting the coordinates (divided by ∆P and 
∆V and multiplied by 100) of the loops to bitmaps and counting the number of nonzero pixels 
in the logic exclusive-OR image of both bitmaps. The Hamming distance was expressed as a 
percentage of the area of the measured loop. 

Besides on AIC and Hamming distance, we also compared the measured and simulated data 
on end-systolic LV pressure and volume, end-diastolic LV pressure, stroke volume, ejection 
fraction, maximum and minimum LV dP/dt and peak filling rate. End-diastolic and end-sys-
tolic points were defined by the corners of the PV-loops and derivatives were calculated after 
applying a Savitzky-Golay filter in the same way as described by Segers et al.34

5.2.7 Data analysis

All parameter estimations, simulations and data analyses were conducted with MATLAB (ver-
sion 7.0.0.19920, r14; The MathWorks, Natick, MA).

5.3 Results
5.3.1 General hemodynamics

Table 5.2 shows the general hemodynamic characteristics of the sheep and their estimated 
windkessel parameters. Preload was varied over a wide range in all sheep. Except sheep 5, the 
range of filling (end-diastolic) pressures was > 11 mmHg. Therefore, we consider the data to be 
appropriate for the study of load-dependence of the isochrones. Also the hearts show a variety 
of ejection fractions on average ranging from 0.43 in sheep 3 to 0.65 in sheep 1. The low range 
in sheep 3 may be attributed to a depressed LV function and an increased afterload. The LV was 
considerably dilated (increased end-diastolic VLV) in comparison with the other sheep and it 
showed a lower contractility (lower maximum dPLV/dt). Furthermore, the increased afterload 
(higher RWK and lower CWK) may have further depressed stroke volume. The windkessel param-
eter estimation method resulted in a good fit in steady state as well as in non-steady state. The 
average RMS error of the fitted pressure was ≤ 1.2 mmHg in all sheep. In general, we found little 
variation in afterload during vena cava occlusion.

Table 5�.1 Number of parameters K used in the calculation of Akaike’s information criterion

Model LinFix LinFree Langew Sigm Shroff Burkh

Fixed parameters 1 0 1 0 1 8

Time-varying parameters 1 2 2 4 1 0

K N + 2 2N + 1 2N + 2 4N + 1 N + 2 8

N = number of samples per cardiac cycle
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5.3.2 Isochrone models

Figure 5.3 shows examples of isochrones fitted to the measured isochrones of all models. The 
best fitting model is Sigm. Especially during isovolumic relaxation, it is the only model that 
reasonably fits the S-shaped isochrones. The ESPVR is clearly nonlinear. Both the Sigm and 
Langew model therefore fit better to it than the other models. Except Shroff, all models fit bet-
ter in systole than in diastole (Figure 5.4). This may be due to the negative pressures encoun-
tered in diastole (Burkh) or an unrealistic filling pattern due to the source resistance Rv (all 
models). Despite the differences between systole and diastole, the models rank almost identi-
cally regardless of the cardiac phase. The Shroff model fits worst (Figures 5.3 and 5.4), which 
must be solely attributed to the ejection phase, since during the remainder of the cardiac cycle 
the model is identical to LinFix. In the LinFix model, the slope of the fitted EDPVR is almost 
horizontal, resulting in unreliable predictions of the filling pressure. The LinFix and the Lin-
Free models result in slightly different fitted end-systolic isochrones, since the intercept in the 

Table 5�.2� General hemodynamic characteristics and the estimated windkessel parameters

Sheep 1 2 3 4 5

Number of cardiac cycles 13 14 14 16 11

Hearte rate, bpm 79.8 83.8 67.6 79.4 89.3

End - diastolic PLV, mmHg
0.7 ± 5.1

[–4.3-10.0]
3.5 ± 4.1

[–1.5-9.9]
3.2 ± 4.1

[–0.9-11.2]
6.2 ± 2.5

[3.5-11.5]
5.7 ± 3.2
[1.5-9.9]

End - systolic PLV, mmHg
74.6 ± 12.4
[56.8-89.6]

81.9 ± 9.6
[65.4-92.1]

71.4 ± 4.7
[62.9-77.5]

60.3 ± 3.6
[55.2-66.4]

99.2 ± 9.6
[82.0-108.3]

End - diastolic VLV, mmHg
60.6 ± 23.2
[30.8-94.3]

66.6 ± 19.6
[39.3-92.9]

48.7 ± 10.3
[35.8-66.0]

78.4 ± 9.7
[64.5-92.4]

87.4 ± 23.0
[49.5-113.0]

Stroke volume, ml
38.0 ± 11.2
[22.3-54.7]

40.6 ± 10.7
[27.8-55.7]

27.4 ± 4.9
[20.9-36.1]

34.0 ± 3.3
[29.1-38.6]

46.2 ± 12.5
[25.0-59.6]

Ejection fraction
0.65 ± 0.06
[0.56-0.74]

0.62 ± 0.04
[0.58-0.71]

0.57 ± 0.02
[0.54-0.60]

0.43 ± 0.02
[0.41-0.47]

0.53 ± 0.01
[0.51-0.54]

Maximum dPLV/dt, 103 mmHg·s–1 1.89 ± 0.11
[1.67-2.01]

1.61 ± 0.03
[1.55-1.65]

1.22 ± 0.02
[1.19-1.24]

0.80 ± 0.04
[0.74-0.86]

1.75 ± 0.03
[1.69-1.78]

Systolic PAO, mmHg
76.1 ± 10.5
[61.2-89.0]

85.5 ± 9.2
[70.4-95.7]

73.4 ± 4.5
[65.3-78.9]

64.4 ± 5.8
[55.7-72.9]

99.7 ± 9.2
[83.1-108.3]

Diastolic PAO, mmHg
58.2 ± 8.5

[45.6-67.8]
70.6 ± 6.8

[58.7-77.6]
55.1 ± 2.2

[50.3-57.6]
45.5 ± 3.7

[40.1-50.8]
85.7 ± 6.6

[73.2-91.9]

Mean PAO, mmHg
67.4 ± 10.2
[52.6-79.9]

77.8 ± 8.1
[64.1-86.8]

65.1 ± 3.3
[58.5-68.5]

52.8 ± 5.0
[45.4-60.4]

91.7 ± 8.0
[76.9-99.4]

RWK3, mmHg·s·ml–1 1.36 ± 0.23
[1.11-1.84]

1.37 ± 0.19
[1.12-1.61]

2.18 ± 0.24
[1.72-2.49]

1.14 ± 0.03
[1.05-1.19]

1.26 ± 0.21
[1.07-1.72]

CWK3, ml·mmHg–1 1.54 ± 0.06
[1.45-1.65]

1.94 ± 0.11
[1.77-2.16]

0.95 ± 0.02
[0.89-1.00]

1.17 ± 0.08
[1.06-1.36]

2.01 ± 0.07
[1.90-2.10]

ZWK3, mmHg·s·ml–1 0.059 ± 0.015
[0.044-0.088]

0.037 ± 0.008
[0.028-0.049]

0.053 ± 0.007
[0.045-0.070]

0.021 ± 0.004
[0.015-0.028]

0.028 ± 0.006
[0.023-0.042]

RMS error, mmHg
1.2 ± 0.1
[1.1-1.4]

0.9 ± 0.1
[0.7-1.1]

1.2 ± 0.2
[1.0-1.5]

1.2 ± 0.2
[0.8-1.4]

1.0 ± 0.1
[0.9-1.2]

Values presented as mean ± SD [range], with the average over all cardiac cycles. Left-ventricular end-diastolic vol-
ume is not shown because simulated and measured value are equal by definition. PLV, VLV = left-ventricular pressure 
and volume; PAO = aortic pressure; RWK3, CWK3 and ZWK3

  = peripheral resistance, arterial compliance and characteris-
tic impedance of the windkessel model.
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LinFix model depends on the ESPVR and not on the shown isochrone-systole, while in the 
LinFree model it solely depends on the shown isochrone.

The time-course of the model parameters of all models is summarized in Figure 5.5. The 
figure shows the average of four sheep, averaged after normalization to the duration of the 
cardiac cycle. Sheep 5 was excluded because it was quantitatively out of range (e.g. 1 to 2 orders 
of magnitude for V0(t) of the LinFree model) in comparison with the other sheep. qualitatively 
the time-course was similar to the other sheep.

 
5.3.3 Simulation and model comparison

Using the estimated ventricular and arterial parameters, ventricular pressure and volume were 
simulated. For each measured loop a corresponding loop was simulated. Figure 5.6 shows three 
simulated PV-loops and the corresponding measured loops for each simulation model. The 
three loops represent the highest, middle and lowest filling pressures. qualitatively the differ-
ences between the models are small. None of the models simulates the behavior of the isovolu-
mic phases observed in measured data. In measured volume, changes are observed while in the 
simulated loops isovolumic phases are truly isovolumic as a result of the ideal valves used in 
the simulation. Furthermore, due to the critical dependence on the chosen value for the source 
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Figure 5�.3 Four fitted (red lines) and measured (dots) isochrones of each model. For Shroff, only isochrones during 
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Figure 5�.5� Estimated model parameters as function of time. Values are average of four sheep, averaged after normal-
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Figure 5�.4� RMS error of the isochrone fits (mean ± SD) if the total cardiac cycle or only systole or diastole is taken into 
account (averaged over the sheep). Values of Shroff: 27.6 ± 15.7 mmHg (total) and 42.9 ± 24.5 mmHg (systole).
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resistance Rv, the simulated loops sometimes show a too rapid filling, resulting in a too small 
end-diastolic volume. 

Differences are more pronounced, if simulated pressure and volume are plotted as a func-
tion of time (Figure 5.7). Simulated V(t) fits well to the measured V(t), while the models differ 
in how well they fit measured P(t). Due to its nearly horizontal diastolic isochrones, the LinFix 
model results in a virtually identical diastolic pressure waveform regardless of the filling pres-
sure. LinFix, Shroff and Burkh have an equal ejection period regardless of the preload. 

Figure 5.8 shows the AIC scores of each model per sheep (left axis) and the average rank 
(right axis). Note that AIC scores cannot be averaged per model (average over all sheep), be-
cause AIC scores are only comparable within a data set, not between data sets. The most likely 
model for the given data is LinFree. On average, LinFree had the lowest (i.e. best) total AIC 
score (Figure 5.8c). However, the differences with Langew are small. In systole, Langew per-
forms better (Figure 5.8a). In most sheep, the LinFix and Sigm models had a higher AIC score 
than the LinFree and Langew models, while the Burkh model had the highest score in almost 
all cases. As may be expected, the systolic resistance provides the Shroff model a small advan-
tage above the LinFix model, although the overall effect is small. Burkh is the least likely model 
in systole, while it ranks about equal to LinFix, Sigm and Shroff in diastole. 

Roughly the same picture arises from a comparison of hemodynamic indices derived from 
the simulated and measured data (Table 5.3). Again LinFree and Langew are the best perform-
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Figure 5�.7� Examples of three simulated (red lines) and measures (blue lines) pairs of LV pressure and volume as a 
function of time. Cycles at the highest, middle and lowest filling pressures are shown for each model.

Table 5�.3 Average difference between hemodynamic indices derived from measured and simulated data, expressed 
as a percentage of the indices derived from measured data (%)

Parameter Measured value LinFix LinFree Langew Sigm Shroff Burkh

End-systolic VLV 31.2 ± 13.1 ml 4.3 ± 6.5 1.0 ± 5.1 1.3 ± 5.9 0.9 ± 6.0 2.3 ± 6.7 2.7 ± 5.5

End-systolic PLV 76 ± 15 mmHg –0.7 ± 2.8 0.4 ± 3.5 0.3 ± 2.2 0.2 ± 2.0 1.1 ± 4.4 0.2 ± 2.6

End-diastolic PLV 24.5 ± 14.7 mmHg –20.2 ± 25.1 –3.2 ± 8.2 –1.2 ± 7.8 –6.1 ± 6.4 –20.4 ± 24.9 92.3 ± 68.8

Stroke volume 58.4 ± 14.4 ml 0.2 ± 4.6 1.4 ± 4.4 1.1 ± 4.7 1.4 ± 4.8 0.5 ± 5.7 0.6 ± 4.2

Ejection fraction 65.4 ± 12.6% –1.2 ± 3.3 –0.1 ± 3.0 –0.3 ± 3.5 –0.1 ± 3.7 –1.0 ± 4.2 –0.8 ± 3.1

Maximum dPLV/dt (14.1 ± 4.1)·102 mmHg·s–1 1.8 ± 12.3 2.8 ± 3.0 3.0 ± 2.8 2.5 ± 2.4 –6.2 ± 9.1 –19 ± 11.1

Minimum dPLV/dt (10.1 ± 2.5)·102 mmHg·s–1 –15.3 ± 11.8 5.7 ± 22.8 7.2 ± 31.2 13.0 ± 20.0 –14.7 ± 11.4 –32.1 ± 9.9

Peak filling rate 227 ± 96 ml·s–1 21.5 ± 50.5 –8.9 ± 45.8 –8.6 ± 35.8 13.1 ± 62.4 23.4 ± 53.1 33.8 ± 62.2

RMS error 11.9 ± 14.6 4.1 ± 12.0 4.2 ± 11.7 7.0 ± 13.5 12.4 ± 15.0 37.2 ± 20.9

Values presented as mean ± SD, with the average over all cardiac cycles of all sheep. PLV, VLV = left-ventricular pres-
sure and volume.
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Figure 5�.8� A, B, C: Akaike’s information criterion (AIC) score of each sheep for each model during systole (A), diastole 
(B) and the entire cardiac cycle (C), respectively. The model with the lowest score model is the most likely model for 
the given data. Since AIC values are only comparable within individual sheep, the average ranks are shown (right 
axis, red lines). D: Hamming distance between measured and simulated PV-loops for each sheep. For identical 
shapes, the Hamming distance is zero. Red squares with error bars denote mean ± SEM.

ing model (lowest RMS error). However, none of the models is able to model filling accurately 
(SDs of peak filling rate > 50%), while the end-diastolic LV pressures of LinFix, Shroff and 
Burkh clearly suffer from a poor fit to the EDPVR.

When the simulated and measured PV-loops are compared on shape, results are slightly dif-
ferent (Figure 5.8d): all models show nearly identical performance (average Hamming distance 
between 20 and 23%). Sigm resulted in the smallest Hamming distance (20.2 ± 4.5%), LinFix in 
the largest (22.9 ± 3.6%). Remarkably, as to the shape of the loops the Burkh model is clearly a 
reasonable alternative (Hamming distance 21.7 ± 4.6%). 

5.4 Discussion
5.4.1 General discussion

In this study, we focused on six models, both linear and nonlinear, to describe instantaneous 
pressure-volume relations of the left ventricle in terms of isochrones. We fitted these isochrone 
models to data measured in five sheep and used them to simulate PV-loops. These simulated 
loops were compared to the PV-loops measured originally. The isochrone models can be used 
for simulation of the interaction between heart and arterial system. Accounting for the root 
mean square error and different number of parameters, the models do not differ much in 
quality in the description of the PV-loops. For applications where the exact course in time 
of ventricular pressure and volume is not important (e.g. in ventricular power and energy 
considerations where only the area under the PV-loop is of interest), a classical time-varying 
elastance model (LinFix) or an even simpler model (Burkh) may do. 
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Isochrones were found to be nonlinear. Especially during the isovolumic relaxation, the iso-
chrones clearly exhibited an S-shape (Figure 5.3) and therefore the sigmoidal model fitted best 
to the data with a root mean square error of < 1 mmHg (Figure 5.4). If, however, the number 
of degrees of freedom is taken into account, a linear model (LinFree) is overall the best (high-
est likelihood that it best describes the data) and still simple. In addition, a linear model has 
the advantage that parameters can be determined uniquely.35 The LinFree model, on the other 
hand, differed little from the more physiologically based Langew model, both in terms of root 
mean square error, AIC score, hemodynamic indices and Hamming distance. Therefore we 
conclude that performance of both models is virtually equal. 

5.4.2 Linearity of the isochrones

In agreement with Claessens et al.,11 we observed considerable nonlinear isochrones and thus 
nonlinearity is not only found in the mouse11 and the dog,8-11 but also in sheep. To our knowl-
edge, our study is the first to report this for sheep. Nonlinearity of the isochrones is not sur-
prising when one considers the force-length relations of cardiac muscle. It is the result of two 
phenomena. First, the force-length relation of cardiac muscle is not linear36 and geometrical 
factors that translate this into PV-relations are unlikely to be able to make them linear. Second, 
there is load-dependence of the force-length relation. The first aspect of nonlinearity may be 
accounted for by nonlinear isochronal models such as described in the current study, but the 
second aspect implies violation of the basic assumption that the instantaneous PV-relation are 
load-independent. Load-dependence is most clearly observed in the duration of the systole, 
which depends on the history of contraction. This has been shown previously,37-40 but we also 
observe it in the present study. As a consequence, the heart will be in a different contractile 
state for differently loaded cycles at a given time after the onset of ejection and this aspect of 
nonlinearity is a basic shortcoming of all these models. Even the Shroff model that we tested in 
our study and which takes load-dependence into account by including a systolic flow-depen-
dent resistance, does not resolve this nonlinearity. Another parameterization (other than time 
per se) that accounts for this phase dispersion might resolve it. 

Given the dependence on load and history of ejection, it is also not surprising that nonlin-
earity is most prominently observed after ejection (i.e. during isovolumic relaxation), when all 
effects have cumulated. Indeed, this is the phase where the typical sigmoidal shape is observed. 
This shape has been reported first by Claessens et al. for the mouse,11 but in general isochrones 
during isovolumic relaxation have gained little or no attention. Even Funai and Thames12 who 
studied isochrones other than the ESPVR and EDPVR using pressure-wall thickness measure-
ments did not show the isochrones during this phase, while Suga et al.3 in their classical paper 
reported the largest errors in time-varying elastance during isovolumic relaxation (see Figure 
5 of their article). In addition it is not very likely that it is a measurement artifact (e.g. due to 
deformation of the conductance catheter) because it occurs during relaxation. 

5.4.3 Model comparison

A model that fits well to the data is not necessarily a good model. Generally, the more (time-
varying) parameters a model contains, the more difficult its interpretation and the less accurate 
the parameter estimation will be.32 Thus, a simple model is in general more attractive than 
a complicated model. In this study, we used the Akaike information criterion to objectively 
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weigh the goodness-of-fit (sum of squared residuals) against the number of parameters in 
the model. Since data was fitted to individual isochrones independently, a time-varying pa-
rameter was counted as a collection of constant parameters of the same size as the number 
of isochrones (Table 5.1). We thus neglected dependence between the value of a parameter 
for different isochrones. We did not study to which extent this may influence our results, but 
since all models contained one or more time-varying parameters, we assume that it is at worst 
a systematic bias. 

The AIC score was calculated on the basis of ‘relative’ orthogonal residues, meaning that the 
orthogonal distance between measured and simulated points was expressed in units relative to 
the dynamic range of pressure and volume in the sheep under study. In contrast to the usual 
least-squares methods where the x-variable is assumed exact, use of orthogonal distances en-
sured that errors in both pressure and volume were equally weighted. Furthermore, relative 
units were used to ensure that the residual sum is independent of the units in which pressure 
and volume are expressed. A drawback of this application of AIC is that it critically depends on 
the parameterization. In fact, not the shape of the loop is evaluated but the shape of volume and 
pressure as a function of time. Therefore, we also included a model comparison on the basis of 
a measure that solely evaluates the shape of the PV-loops regardless of the parameterization. 
The Hamming distance33 is a simple measure of shape similarity that sums the area covered by 
one shape but not by the other and the area covered by the other but not by the one (i.e. the 
sum of the symmetric difference). For a proper calculation of this distance, the shapes should 
be optimally aligned; a prerequisite that is automatically fulfilled in our application since in 
the simulations end-diastolic volume was fixed to the measured value. Indeed the Hamming 
distance resulted in a different rating of the models. 

An important additional aspect that plays a role in model selection is the purpose of the 
model. Generally, models are either used to describe a phenomenon or to both describe and 
provide insight into a phenomenon. In the former case, the model parameters do not have to 
be interpretable in physical terms (e.g. as in autoregressive models used in signal processing), 
while in the latter case the model and its parameters are derived from first principles and they 
are therefore interpretable in physical terms (e.g. as in a model that predicts the existence of 
a formerly unknown particle in physics). In the latter case, one model is preferred above the 
other when it has more predictive power. In this study, we focused on descriptive or phenom-
enological modeling for simulation purposes and therefore our models and their parameters 
do not necessarily have a clear physical interpretation. This is obviously the case for the Sigm 
model which has many hardly interpretable parameters. The elastance-based models of our 
study (LinFix, LinFree, Shroff and Burkh) may be approximately derived from first principles,41 
while the Langew model exhibits general biological features (large pressure and small volume 
increases at high volume and vice versa) but also unexplained variability (time variation of pa-
rameter P0). The predictive power of the different models should be subject of further studies.

5.4.4 Isochrone models

The classical linear time-varying elastance model (LinFix) poorly fits the data in diastole and 
during isovolumic relaxation. The first results in unrealistically flat diastolic portions of the 
simulated PV-loops and different loops seem to be independent of preload (Figure 5.3). Also, 
this linear diastolic relation makes it impossible to use diastolic pressure as the starting point 
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for the calculations: a very small increase in diastolic pressure would result in an unrealistically 
large increase in volume. Thus using this model, changes in diastolic volume rather than dia-
stolic pressure should be implemented. Also the duration of systole does not vary with preload 
(Figure 5.7). 

Technically, LinFree turns out to be the best alternative for LinFix. The physiological inter-
pretation of its parameters, however, needs clarification. The large variation in time of the in-
tercept volume V0(t) is a direct consequence of the linearization of a part of the obviously non-
linear isochronal relation, although it should be noted that isolated cardiac muscle also shows 
a varying intercept during contraction.37 The Langew model exhibited about equal behavior 
in our study as LinFree, but it allows a more physiological interpretation of the isochrone de-
scription. The Langew model may therefore be a valid alternative for LinFree. Moreover, both 
models can be related to each other. In first-order approximation (series development in V(t), 
with time t a parameter), the Langew model reads

  0 1
( ) ( ) ( ) ( )

m

m

π
P t P t P t V t V

V
     (5.12)

comparison of this with Equation (5.2), shows that the models share a term f(t).V(t). The pa-
rameter P1(t) in Equation (5.12) should then be proportional to E(t) of LinFree. From Figure 5.5 
it can be seen that both indeed share a similar time course. 

A drawback of the Langew model as we applied it, is the arbitrary choice of Vm. A possible 
way may be to calibrate Vm on an isochrone (e.g. the end-systolic or end-diastolic isochrone) 
by using the relation with LinFree (e.g. by setting P1(tes) of Langew equal to E(tes) of LinFree). 
Furthermore, the model contains another parameter that shows substantial variation in time 
(P0). Thus it does not explain an important part of the data. Since P0(t) is very much similar to 
a LV pressure waveform, it may be fixed to the stationary LV pressure (as a reference pressure). 
Then, the model only models the preload dependent changes in the normal PV-relation. These 
possible improvements should be explored in further studies.

The Burkh model fits the data poorly. Describing α(t) with a higher-order polynomial as we 
did here, instead of a cosine function as in the original study20 does improve the fit (cosine data 
not shown), but still the other models outperform this model. The Sigm model was studied as a 
more or less ad hoc model in order to especially describe the observed S-shaped isochrones in 
relaxation. As can be expected with a model with many degrees of freedom, the fit is superior 
to that of the other models but interpretation of its parameters is difficult. To improve the reli-
ability of the parameter fits, β(t) was, arbitrarily, fixed to the value of the minimum pressure on 
the isochrone (i.e. the loop at the lowest preload). 

In general, the LinFree model is overall the best choice for simulation of pressure and vol-
ume as a function of time. If only the shape of the PV-loops is of interest, the LinFix and Burkh 
model are the best options. Thus, despite the observed nonlinearity in the isochrones linear 
models suffice for simulation of PV-loops. To improve the usability of the models, the time-
varying parameters could be described by a Fourier series with a limited number of terms as 
was done by Senzaki et al.42 This was not investigated in the present study, but could be subject 
of future studies. 
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5.4.5 Windkessel parameter estimation

Simulations were performed with an existing simulation model of the left ventricle and the 
three-element windkessel model as an arterial system.28-30 Since aortic flow was not available, 
but aortic pressure was, several options for estimation of the windkessel parameters were stud-
ied. The simplest option we tried was to estimate peripheral resistance from the ratio of mean 
pressure and mean flow, compliance from the ratio of stroke volume over pulse pressure43,44 
and characteristic impedance as a fixed percentage of peripheral resistance.1 However, this did 
not yield reliable estimates (e.g. dramatic increases in compliance with decreases in filling) 
because vena cava occlusion results in nonstationary conditions. Estimation of the aortic flow 
waveform from the derivative of LV volume24 leads to an aortic flow that showed large artifacts 
during the systolic upstroke. Application of a prediction error method45 with this flow as input 
yielded no satisfactory aortic pressure predictions. We have therefore chosen an alternative 
method in which aortic flow is approximated by a triangle. With this triangular flow wave 
shape,26 the windkessel parameters can be estimated using a standard method.45,46 We obtained 
highly realistic predictions of the aortic pressure waveform (both in stationary condition and 
during transients) and plausible estimates of the windkessel parameters. 

5.4.6 Limitations

In several sheep, the PV-loops displayed volume changes during the cardiac phases which 
would be expected to be isovolumic. They may indicate valvular insufficiencies, but we consid-
ered this unlikely. Presumably, these volume changes are artifacts of the conductance catheter, 
caused by changes in the LV long-axis not accounted for in the catheter-derived volume mea-
surements. Despite this the conductance catheter is generally considered to measure instan-
taneous LV volume reliably and it is currently the gold standard for measurement of PV-loops 
in vivo.2 

We analyzed data of paced hearts. Although some caution is recommended for the transla-
tion of the results to unpaced hearts, it is unlikely that small variations in heart rate would have 
altered the conclusions of our study. Since the vena cava occlusion is a rapid intervention, heart 
rate variations would presumably be small. 

The sheep hearts studied were normal and without signs of failure (end-diastolic pressures 
below 10 mmHg). Therefore, it might be questioned whether the results are applicable to failing 
or pathological hearts. Although we cannot exclude the possibility that some phenomena will 
be more prominent in failing or pathological hearts, we do conclude that even in the normal 
state, nonlinearity of the isochrones is substantial. Furthermore, because we used variation 
of end-diastolic volume instead of end-diastolic pressure in the simulations, we expect that 
our results are more generally applicable than to low end-diastolic pressure only, especially in 
dilated hearts. 

We observed considerable negative pressures, even at end-diastole (Table 5.2). Since the 
standard procedures were followed during the measurement of the pressure, we had no reason 
to doubt the validity of the data and shift the pressure data to positive levels. Negative pressures 
may indicate ventricular suction.47
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5.5 Conclusion

We have compared six models for the instantaneous PV-relation of the left ventricle on their 
performance in a simulation model. We studied all isochrones in the cardiac cycle. Using data 
of five sheep, we simulated PV-loops and compared these with measured loops. If time param-
eterization is taken into account, the best fitting model is the time-varying elastance model 
with a varying volume intercept, closely followed by the Langewouters model for pressure-
dependent chamber compliance. If only the shape of the loops is of importance, also a simple, 
linear model is sufficient.  ■
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The arterial Windkessel

Frank’s Windkessel model described the hemodynamics of the arterial 
system in terms of resistance and compliance. It explained aortic pres-
sure decay in diastole, but fell short in systole. Therefore characteristic 
impedance was introduced as a third element of the Windkessel model. 
Characteristic impedance links the lumped Windkessel to transmission 
phenomena (e.g. wave travel). Windkessels are used as hydraulic load for 
isolated hearts and in studies of the entire circulation. Furthermore, they 
are used to estimate total arterial compliance from pressure and flow; 
several of these methods are reviewed. Windkessels describe the general 
features of the input impedance, with physiologically interpretable pa-
rameters. Since it is a lumped model it is not suitable for the assessment 
of spatially distributed phenomena and aspects of wave travel, but it is a 
simple and fairly accurate approximation of ventricular afterload.  ◦

AbstRAct

6.1 Introduction

MODELS ARE A SIMPLIFICATION OF REALITy which help to understand func-
tion. The arterial system has been modeled in many ways: lumped models,1,2 tube 
models3-5 and anatomically based distributed models.6-8 In this chapter, we will dis-In this chapter, we will dis-

cuss the lumped or Windkessel models. Lumped models of the venous system9 will not be 
discussed.

Hales (1735) was the first to measure blood pressure and noticed that pressure in the arterial 
system is not constant, but varies over the heart beat. He already suggested that the variations 
in pressure are related to the elasticity of the large arteries. Weber (EH Weber (1827) as cited by 
Wetterer and Kenner3), was probably the first who proposed comparison of the volume elastic-
ity of the large arteries with the Windkessel present in fire engines (Figure 6.1).

It was Otto Frank1 who quantitatively formulated and popularized the so-called two-ele-
ment Windkessel model consisting of a resistance and a compliance element. Poiseuille’s law 
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states that resistance is inversely proportional to blood vessel radius to the fourth power. The 
resistance to flow in the arterial system is therefore mainly found in the resistance vessels: the 
smallest arteries and the arterioles. When all individual resistances in the microcirculation are 
properly added, the resistance of the entire systemic vascular bed is obtained and we call this 
(total) peripheral resistance. The peripheral resistance R can simply be calculated as:

 ao,mean ven,mean ao,mean( ) CO COR P P P= − ≈  (6.1)

with Pao,mean and Pven,mean mean aortic and venous pressure and CO cardiac output. The com-
pliant element is mainly determined by the elasticity of the large, or conduit, arteries. It can 
be obtained by addition of the compliances of all vessels and is therefore called total arterial 
compliance. The value of total arterial compliance C is the ratio of a volume change ∆V and the 
resulting pressure change ∆P

 Δ ΔC V P   (6.2)

However, it is very difficult to perform an experiment were a volume is injected into the arterial 
system without any volume losses through the periphery. Therefore several methods to derive 
total arterial compliance were developed, and those based on the Windkessel are discussed in 
detail below. Actually, the compliance of the large arteries acts as the Windkessel, but over time 
it became customary to call these lumped arterial models, made up of resistance and compli-
ance, Windkessel models. The strict separation of conduit (compliant) arteries and small ar-
teries and arterioles (resistance vessels) is not possible, because large, compliant, arteries have 
small resistive properties as well and resistive vessels have, some, compliance. When account-
ing for R and C only, we deal with the Frank or two-element Windkessel model.

The two-element Windkessel predicts that in diastole, when the aortic valve is closed, pres-
sure will decay exponentially with a characteristic decay time RC (see below). Frank’s goal was 
to derive cardiac output. With the characteristic decay time RC, derived from the aortic pres-
sure in diastole and an independent estimate of total arterial compliance the peripheral resis-
tance could be calculated. Mean flow (i.e. cardiac output) is then simply mean aortic pressure 

peripheral 
resistance

vein

pump

Wind-
kessel

spout

riv
er

heart elastic arteries
(aorta)

Figure 6�.1 The concept of the Windkessel. The air reservoir is the actual Windkessel, and the large arteries act as 
the Windkessel. The combination of compliance, together with aortic valves and peripheral resistance, results in a 
rather constant peripheral flow. 
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6.2 Improvement of Frank’s Windkessel: the three-element Windkessel

Frank had only (aortic) pressure to base the two-element Windkessel on. The diastolic pres-
sure, Pdia(t), in the proximal aorta with closed valves can be described by an exponential decay 
and the two-element Windkessel indeed predicts such a decay (Figure 6.3):

 dia es( ) t RCP t P e−=  (6.3)

with Pes end-systolic aortic pressure.
In the 1930s and 1940s a number of researchers tried to improve the two-element Wind-

kessel by adding resistance and/or inertance terms and by adding effects of reflected waves. 
However, a good physiological basis of these models was lacking.3,14 With the development 
of the electromagnetic flow meter and thus measurement of aortic flow, it became clear that 
in systole the relation between pressure and flow was poorly predicted by the two-element 
Windkessel.15 In 1956, Wetterer3,15-17 had already noticed, but not quantified, the shortcomings 

100

0

Pr
es

su
re

 (m
m

H
g)

100

0

Fl
ow

 (m
l/s

)

Figure 6�.2� A sudden decrease in arterial compliance, but constant peripheral resistance results in an increase in 
systolic aortic pressure and decrease in diastolic pressure. (Adapted from Randall et al.11)

divided by peripheral resistance. Frank estimated total arterial compliance from pulse wave 
velocity in the aorta. This example shows that Windkessel models and wave transmission of 
pressure in the aorta give complementary information.

The Windkessel is a so-called lumped model. In other words, this lumped model describes 
the whole arterial system in terms of a pressure-flow relation at its entrance, by two parameters 
that have a physiological meaning. One cannot study phenomena that take place inside the 
arterial tree such as wave travel and reflections of waves, etc. 

It is interesting to note that in the past hypertension research focused mainly on peripheral 
resistance, while the contribution of total arterial compliance to blood pressure was often ne-
glected. (The groups of Safar10 and Westerhof11 were exceptions in this respect, Figure 6.2). In 
1997, however, it was shown that pulse pressure is a major predictor of cardiovascular morbid-
ity and mortality.12,13 This observation made researchers realize that arterial compliance is also 
of great importance, especially in old age (systolic) hypertension. The two-element Windkes-
sel model tells us that the load on the heart consists of peripheral resistance and total arterial 
compliance and that both are important.
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of the two-element Windkessel. Wetterer17 even showed the quantitative difference between 
measured and predicted pressure in systole, but he did not suggest what the determinant of 
this pressure difference is.

With measurement of aortic flow together with the developments in computing capabili-
ties that allowed for Fourier analysis of the pressure and flow signals, the calculation of input 
impedance became possible.14,18-20 From the input impedance, the shortcomings of the two-ele-
ment Windkessel also became clear, because for high frequencies its modulus reduces to neg-
ligible values and its phase angle reaches minus 90 degrees, while the aortic input impedance 
derived in mammals showed that the impedance modulus decreases to a plateau value and the 
phase angle hovers around zero for high frequencies (Figure 6.4). The rather constant level of 
the input impedance modulus at higher frequencies was found to be equal to the characteristic 
impedance of the proximal aorta. This information led to the addition of aortic characteristic 
impedance to the two-element Windkessel (Figure 6.5). The characteristic impedance in the 
three-element Windkessel,2,6 can be seen as a link between the lumped Windkessel model and 
wave travel aspects of the arterial system since characteristic impedance equals wave speed 
times blood density divided by (aortic) cross-sectional area. 

The oscillations seen on the impedance modulus and phase are not represented by the three-

Diastolic pressure

Systolic pressure

Measured
Exponential decay
(time constant RC)

Pu
ls

e 
pr

es
su

re

Heart period (R-R interval, T )

Figure 6�.3 The decay of aortic pressure in diastole can be approximated by an exponential curve, characterized by the 
product of peripheral resistance R and total arterial compliance C: the RC-time. The RC-time is a characterisation of 
the arterial system, the heart period T is a characterisation of the heart. 
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element Windkessel model (see Figures 6.4, 6.6), and therefore this aspect of the arterial sys-
tem is not modeled.2,21,22 This implies that high frequency details such as the inflection point 
and the augmentation in aortic pressure cannot be described by the three-element Windkessel 
model (see Figure 6.6). yet the overall predicted waveforms are close to the measured pressures 
and the global aspects of pressure and the input impedance are well described by the three-
element Windkessel (Figure 6.6). The phase difference in the impedance may, in part, result 
from a time delay between pressure and flow, either as a result of equipment properties or as 
a result of measurement location.23 For instance, a time delay between pressure and flow of 8 
ms translates into phase of the impedance to 360·8·10–3·f ≈ 2.9 f, i.e. about 30 degrees at 10 Hz. 
In other words, this phase effect does not affect the relation between the wave shapes, but only 
their time delay.

The characteristic impedance has the same dimension as a resistor and is therefore often 
represented as a resistor. However, the characteristic impedance is not a resistance, and can 
only be interpreted in terms of oscillatory phenomena. This means that the ratio of mean pres-
sure over mean flow (i.e., zero Hz) which equals R, is in the three-element Windkessel R + Zc. 
The use of a resistor for characteristic impedance also causes errors in the low frequency range 
of the input impedance.24 However, since characteristic impedance is, in the systemic circula-
tion of all mammals, about 5% to 7% of peripheral resistance25 the errors are small.

Wang et al.26 recently analyzed aortic pressure and flow in the following way. In diastole, 
when the two-element and three-element Windkessels behave similarly (with closed valves 
characteristic impedance does not play a role), these authors fitted the Windkessel and deter-
mined total peripheral resistance and total arterial compliance. When this two-element Wind-
kessel was then applied to the entire heart beat a difference was found in systole between the 
measured pressure and the pressure derived form the two-element Windkessel. This pressure 
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Figure 6�.5� The two-, three- and four-element Windkessel presented in hydraulic and electrical form.
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difference, called excess pressure, and according to the definition of Lighthill27 a pressure pro-
portional to velocity (or flow), is indeed similar in shape to the measured velocity. The value of 
this resistance is close to the characteristic impedance of the aorta. This result is thus proof, in 
the time domain, that addition of the characteristic impedance to the two-element Windkessel, 
thereby resulting in the three-element Windkessel, is necessary to describe pressure and flow 
throughout the entire cardiac cycle. We interpret this result as support for the three-element 
Windkessel with characteristic impedance of the aorta (see Figure 6.4) as the third element. 
However, Wang et al., interpret this resistor as the resistance of the conduit arteries. By doing 
so this would mean that all large conduit arteries would be described by the proximal resis-
tance. This proximal resistance and arterial compliance would reside within the same (con-
duit) vessels and cannot be separated.

Fogliardi et al.28 compared the three-element Windkessel with constant compliance and with 
pressure-dependent compliance. They concluded that ‘the nonlinear three-element windkessel 
cannot be preferred over the traditional linear version of this model’. Thus the three-element 
Windkessel suffices in most studies.29
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6.3 The four-element Windkessel

In an attempt to reduce the errors in the low frequency range, introduced by the characteristic 
impedance, a fourth element of the Windkessel has been proposed,30 an element originally sug-
gested by Burattini and Gnudi.31 This fourth element (Figures 6.4 and 6.5) is an inertance equal 
to the addition of all inertances in the arterial segments, i.e., total arterial inertance.30 While 
aortic characteristic impedance takes into account the compliance and inertance of the very 
proximal ascending aorta, total arterial compliance and total arterial inertance are the summa-
tion of all compliances and inertances in the entire arterial system. The total arterial inertance 
only affects the mean term and very low frequency behavior of the input impedance, i.e., the 
frequency range where the three-element Windkessel is inaccurate. 

Other investigators have introduced an inertance in series with the characteristic imped-
ance.31-36 This series inertance does not affect the arterial input impedance at low frequencies 
but at high frequencies. In theory, this inertance implies an increase in the impedance modulus 
with frequency in the high frequency range, but in practice the inertance is chosen such that 
this effect is small. The four-element Windkessel has been used by Segers37-40 and Burattini.36 
In practice, it turns out that the inertance is very difficult to estimate which is an argument to 
prefer the three-element Windkessel. 

Burattini41,42 tested several other lumped models for the peripheral arterial system: one 
lumped model consists of a peripheral resistance with, in parallel, a series resistor and com-
pliance. This arrangement leads to the same form of input impedance, as the three-element 
Windkessel, namely ( ) (1 )a jωb jωc   , with a, b, and c constants. Th e advantage of this par-The advantage of this par-
ticular model is that at zero Hz, the peripheral resistance is correctly modeled. The resistance 
in series with compliance is based on viscoelastic arterial properties. Thus the elements have a 
different meaning than those of the three-element Windkessel model and this model is there-
fore not an improvement of Frank’s two-element Windkessel model.

The different aspects of the Windkessel models have been summarized in Table 6.1. We 
conclude that the three-element Windkessel is a necessary improvement of the two-element 
Windkessel and can model the global aspects of the arterial system with physiologically based 
parameters. 

Table 6�.1 Comparison of Windkessel models

Two-element Windkessel Three-element Windkessel Four-element Windkessel

Pdiast RC-time RC-time RC-time

Total waveshape Poor Good Good

Impedance Poor at high frequencies Small error at low frequencies Good at all frequencies

Compliance estimate Good (pulse-pressure method) Overestimation Accurate

Inertance estimation n/a n/a Difficult

Pmean /Fmean Resistance Resistance and char. imped. Resistance
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6.4 Use and clinical relevance of the Windkessel

The Windkessel teaches us that the main parameters describing the arterial system are pe-
ripheral resistance, total arterial compliance and aortic characteristic impedance. In 1997,12,13 
the importance of pulse pressure in the prediction of cardiovascular mortality and morbidity 
was shown and the important role of compliance was recognized. It is therefore implicit that, 
for instance in hypertension, these three Windkessel parameters play a role. Total arterial com-Total arterial com-
pliance43 and, to a lesser extent characteristic impedance, are now important parameters under 
investigation. 

The Windkessel used for derivation of the ambulatory arterial stiffness index
The Windkessel can be used to clarify the meaning of parameters used in epidemiological 
studies. An example is the ambulatory arterial stiffness index.44 Assuming the Windkessel 
predicted decay time of aortic pressure in diastole as RC, Westerhof et al.45 derived this stiff -derived this stiff-
ness index44 from first principles and showed that, despite its name, it should be regarded as a 
ventriculo-arterial coupling factor rather than a compliance estimate. 

The Windkessel used as load on the heart
The Windkessel models can be used as load for the isolated ejecting heart. Figure 6.7 shows an 
example of an isolated ejecting heart loaded with a three-element Windkessel. It may be seen 
that the generated pressure and flow waves resemble the in-vivo pressure and flow waves. The 
Windkessel parameters may be changed to study cardiac pump function.34,35,46,47 An example 
of the effects of peripheral resistance changes and total arterial compliance changes, while car-
diac contractility, heart rate (HR) and cardiac filling are maintained constant is given in Figure 
6.8.46 
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Figure 6�.7� Example of the ejecting isolated heart with a three-element Windkessel as arterial load. The isolated heart 
and the artificial load produce pressures and flow close to what is found in vivo.
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The Windkessel used to derive cardiac output
Wesseling et al.48 developed a method to derive cardiac output from pressure using the three-
element Windkessel. The characteristic impedance and total arterial compliance are given as 
nonlinear functions of pressure based on the data of Langewouters,49,50 using gender, age, body 
length and weight. An initial value for peripheral resistance is assumed. Stroke volume SV 
is then calculated from pressure. Cardiac output is set to SV·HR and peripheral resistance is 
calculated as mean pressure over this cardiac output estimate. This resistance value is inserted 
again in the three-element Windkessel and SV for the next beat is calculated. It turns out that 
after a few beats convergence is obtained and the true resistance is found: mean pressure over 
this resistance gives cardiac output. The nonlinear behaviour of the compliance and character-
istic impedance combined with the adaptive peripheral resistance assure excellent tracking of 
cardiac output.51 

The Windkessel used as load in artificial heart and valve studies
The (nonlinear) Windkessel, has also been used in studies on ventricular assist devices and set-
ups to test artificial valves.52-60 However, in this field many other models of the arterial system 
are used as well.

The Windkessel used in theoretical analyses
The Windkessel has also been used in theoretical analyses where a heart model and arterial sys-
tem (Windkessel model) are coupled and the contribution of changes in parameters to blood 
pressure are calculated.61,62 An example of such an analysis is shown in Table 6.2.62 It may be 
seen that for similar percentage changes in total arterial compliance and peripheral resistance, 
the resistance contributes a factor 4 more to pressure. This result does not imply that changes 
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in compliance are of little importance since with age resistance may increase 10-20% while 
compliance may decrease with a factor 2-4. These predictions are supported by experimental 
data of (see Figure 6.8). Several studies have been reported on ventriculo-arterial coupling. In 
these studies, Windkessel models of the arterial system have been used.37,39,61,63 The Windkessel 
as load is preferred in this type of analysis since more extensive models are awkward to work 
with.

The Windkessel used as peripheral bed model
The three-element Windkessel has been used as a simplified representation of peripheral beds 
in distributed models.8 However, it should be kept in mind that the characteristic impedance 
is only a real quantity for large vessels, making the three-element Windkessel a very rough 
representation of a peripheral bed. Windkessel models with an inertance term have also been 
used a terminal impedance of the aorta.41,42 

The Windkessel used in end-ejection identification
Using aortic pressure as input, an uncalibrated flow curve can be calculated from which the 
time of end-ejection can be identified unambiguously. Since only an uncalibrated flow is re-
quired, the parameter estimation reduces to the determination of two time constants which 
can be conducted in real time.64 

The windkessel used in solving the outflow-problem in impedance cardiography
In impedance cardiography, stroke volume is estimated from the changes in electrical imped-
ance of the thorax.65,66 Since blood both enters and leaves the thorax simultaneously, imped-
ance changes cannot be solely attributed to inflow. To solve this so-called outflow problem,67 a 
Windkessel model was used.68

The Windkessel used in assessing right ventricular afterload
Windkessel models have also been used extensively to describe the pulmonary vascular bed.22 
Although most of this research on the pulmonary circulation is preclinical, Lankhaar et al.69 
have shown that the Windkessel model can be used to clinically assess differences between 
groups of patients with different forms of pulmonary hypertension. However, the Windkessel  
model turned out to be too simple a model to be able to classify individual patients.

Table 6�.2� Sensitity to independent arterial and cardiac parameters

Systolic pressure Diastolic pressure Stroke volume

Characteristic impedance +9 0 0

Peripheral resistance +41 +90 –28

Total arterial compliance –10 +22 +5

Heart period –50 –90 28

Values are expressed as 100 · (Y/X)(∂Y/∂X) with Y systolic or diastolic pressure or stroke volume and X the indepen-
dent arterial or cardiac parameter. (Adapted from Stergiopulos et al.62)
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6.5 Estimation of total arterial compliance

Several methods, based on the Windkessel have been proposed to estimate total arterial com-
pliance.20 These methods are:

The decay time method. ■ 1 When flow is zero, as in diastole, the decrease of aortic pressure 
is characterized by the decay time, which equals RC for the two-element Windkessel and 
three-element Windkessel models, provided the analysis is started with some delay after 
valve closure (about 10% of the heart period, see Figure 6.6), at pressure P0. The decay time is 
usually determined by an exponential fit that will decrease to zero pressure. Thus the fit is:

 0( ) t RCP t P e−=  (6.4)

However, pressure may, in reality, not decay to negligible values so that it would be better to 
fit diastolic pressure with:

 0( ) t RC
iP t P e P−= +  (6.5)

The intercept pressure Pi depends on vasoactive state, and is not easy to obtain, making esti-
mates of RC inaccurate. As an alternative, the intercept pressure and RC could be estimated 
simultaneously using a nonlinear least-squares method.26 
The stroke volume over pulse pressure method.  ■ This method is rather old70,71 but has been re-
introduced recently.72 If the vascular periphery could be completely blocked, i.e., resistance 
is infinite, stroke volume ΔV would increase pressure by ΔP and the ratio would give total 
arterial compliance: Δ ΔC V P  . Since part of the stroke volume leaves the arterial system 
through the periphery, this ratio overestimates compliance. The overestimation may be as 
large as 60%.29,73

The area method. ■ 74 The decay time in diastole is estimated as the area under the diastolic 
aortic pressure divided by the pressure difference between start and endpoint. 
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  (6.6)

The area method has been compared with the pulse pressure method.73 The integration re-
duces errors due to noise on the pressure signal.
The two-area method. ■ 73 This method is based on the following equation: 
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      (6.7)

This equation is applied to two periods of the cardiac cycle; the period of onset of systole to 
peak systole and the period from peak systole to the end of diastole. Thus using these two 
equations with two unknowns, R and C, are obtained. 
The pulse pressure method. ■ 24,77 This method is based on fitting the systolic and diastolic pres-
sures, as predicted by the two-element Windkessel with measured aortic flow as input, to 
the measured values of systolic and diastolic pressure. Although the two-element Windkes-Although the two-element Windkes-
sel does not produce correct wave shapes, its low frequency impedance is close to the actual 



90
Chapter 6

impedance, while in three-element Windkessel (by assuming the characteristic impedance 
as a resistor) introduces errors at the low frequencies. The systolic and diastolic pressure are 
mainly determined by low frequencies and thus predicted accurately by the two-element 
Windkessel. The pulse pressure method has been compared with the area method and the 
stroke volume over pulse pressure method and found to be the superior one.73

The parameter estimation method.  ■ This method fits the three-element or four-element Wind-
kessel to measured pressure and flow as a function of time. When aortic flow is fed into the 
Windkessel model the pressure is predicted. This pressure can be compared to the measured 
pressure. By minimization of the difference between predicted and measured pressure (i.e. 
the sum of squared errors), the best Windkessel parameters are obtained. In this way, all the 
Windkessel parameters can be derived including a good estimate of characteristic imped-
ance. Using the three-element Windkessel the value of compliance is overestimated29 but 
this is not the case using the four-element Windkessel,30 however, the inertance estimate 
is usually poor. Also the inverse procedure may be followed, pressure can be fed into the 
Windkessel model and optimization of flow is then performed.78

The input impedance method.  ■ This method is similar to the previous method, but is carried 
out in the frequency domain. The input impedance of the three-element or four-element 
Windkessel model is fitted to the measured input impedance.
The transient method. ■ 79 A method that can be applied when pressure and flow are not in 
steady state. In nonsteady state, peripheral resistance cannot be calculated from mean pres-
sure and mean flow, because aortic flow is not equal to peripheral flow. Using the three-
element Windkessel with flow as input, pressure may be calculated while storage of blood 
in the large conduit arteries is accounted for. By curve fitting of the Windkessel parameters 
to obtain minimal difference between measured and predicted pressure the Windkessel pa-
rameters can be estimated accurately 

Estimating pressure dependence of total arterial compliance.74,75 
Use is made of the three-element Windkessel model and the pressure dependence of com-
pliance is accounted for by assuming a specific value for the exponential coefficient b of the 
nonlinear pressure-volume relationship:74,76 bPV ae c= + . The expression for the compliance C 
at any pressure is:76 
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 (6.8)

where Ps and Pd are the pressures at end-systole and end-diastole, respectively; As and Ad are 
the areas under the systolic and diastolic portions of the pressure waveform, respectively; SV 
is stroke volume; and b is the nonlinear coefficient (a value of –0.01 is often assumed for this 
coefficient). Zc is characteristic impedance.

General remarks
In the methods where the RC-time is derived, the resistance should be calculated from mean 
pressure and flow, and compliance is then RC-time divided by R. Furthermore, it should be 
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emphasized that all Windkessel-based methods rely on accurate pressure measurement in the 
proximal aorta. The first three methods require accurate pressure measurement and mean flow 
(cardiac output), while the other methods require ascending aortic pressure and flow wave 
shape. quick et al. have circumvented the use of a lumped model as assumed in all methods 
described above by incorporating transmission of the pressure wave, as in the real arterial tree, 
to estimate arterial compliance.80 Recently, they also showed that for wavelengths longer than 
the arterial tree, distributed models will be reduced to the lumped Windkessel.81 Such long 
wavelengths or high wave speed implies that all pressures and flows behave similarly.

6.6 The Windkessel as full description of the arterial system 

Arterial input impedance gives a comprehensive description of the arterial system as load on 
the heart. However, impedance with its modulus and phase, and its frequency dependence 
is difficult to interpret. Using the three-element Windkessel, a comprehensive description of 
the arterial load is obtained as well. The three elements are derived and have a physiological 
meaning and one can see which part of the arterial tree is changed. For instance, a decrease in 
arterial compliance is not easily seen in the impedance and not easily expressed quantitatively 
either. Derivation of the Windkessel immediately gives quantitative information on total arte-
rial compliance.

The integrated description of the entire arterial system by means of a lumped system like 
the Windkessel, can adequately describe pressure-flow relations at the entrance of the system, 
but pressures within these models have little meaning. e.g., the measurement of pressure distal 
of the characteristic impedance for instance, does not represent the pressure in the more distal 
vascular system.

The Windkessel is being used in the so-called Physiome project, which attempts to develop 
mechanistic biophysical models within a unifying framework obedient to fundamental me-
chanical and physicochemical principles.82 See, for example, the National Institutes of Health 
‘Roadmap for Medical Research in the 21st Century’ (http://nihroadmap.nih.gov) mechanistic 
systems approach to biological sciences.82

The windkessel helps to interpret impedance
We interpret the input impedance of the arterial system as follows. For mean pressure and flow 
and very low frequencies, frequencies < 0.2·HR, the distal periphery, i.e. peripheral resistance 
determines the input impedance. For intermediate frequencies, 0.2·HR < frequencies <3·HR, 
the more proximal part of the arterial system begins to determine impedance, i.e. total arterial 
compliance is the main determinant. For very high frequencies, frequencies > 3·HR, only the 
very proximal part of the arterial system, i.e. the aorta contributes, in terms of its characteristic 
impedance. The characteristic impedance of the aorta is the impedance of the aorta when no 
reflections exist, apparently at high frequencies the reflections from the many reflection sites 
return at random times and cancel. Thus the higher the frequency the closer you ‘look’ into the 
arterial system. The three-element Windkessel indeed contains these three elements.
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6.7 Limitations of the Windkessel

The Windkessel is a lumped model of the arterial system or a part thereof. Wave transmission 
and wave travel cannot be studied. Blood flow distribution and changes in the distribution can-
not be represented. Effects of local vascular changes, e.g., change in aortic compliance while 
other vessels are not affected, cannot be studied. The measurement of pressure distal of the 
characteristic impedance does not represent the pressure in the more distal vascular system.

6.8 Conclusion

We have discussed the main aspects and use of the Windkessel. The three-element Windkessel 
can adequately describe the pressure-flow relations at the entrance of the arterial system. It is 
a lumped model and has a limited number of physiologically meaningful parameters. These 
parameters offer better insight into arterial function than input impedance. In contrast to dis-
tributed models,6-8 Windkessel models are easier to construct as hydraulic load on isolated 
hearts or assist devices. The Windkessel is also easier to use than distributed models when 
ventriculo-arterial coupling is studied. The Windkessel can be used for the systemic arterial 
system and the pulmonary arterial bed of all mammals.  ■
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Magnetic resonance and 
nuclear imaging of the right ventricle 
in pulmonary arterial hypertension

Many clinicians have recognized the unique possibilities of magnetic 
resonance imaging (MRI) for the study of right ventricular (RV) anatomy. 
Especially for the assessment of the RV in pulmonary hypertension, MRI 
has been proved to be of clinical importance. It is, however, less well 
known that if MRI measures of volume and flow are combined with pres-
sure measurements, accurate description of RV function in relation to its 
afterload is possible. Furthermore, nuclear imaging techniques offer the 
opportunity to study the altered RV metabolism and to elucidate the pos-
sible contribution of ischaemia to RV failure in pulmonary hypertension. 
Since RV failure in pulmonary hypertension is the result of the complex 
interaction between geometry, structure, function, perfusion and me-
tabolism, MRI and nuclear techniques are promising techniques to study 
these mechanisms and to evaluate the effects of therapy aimed at improv-
ing RV function in pulmonary hypertension. ◦

AbstRAct

7.1 Introduction

PULMONARy ARTERIAL HyPERTENSION (PAH)� is a disease characterised by in-
creased pulmonary vascular resistance, resulting in right ventricular (RV) pressure over-
load, and RV hypertrophy to compensate for the increased wall stress. Other adaptations 

compromising RV function include right ventricular and atrial dilatation, tricuspid regurgi-
tation and, in severe cases, prominent leftward displacement of the interventricular septum 
(septal bowing) during early diastole.1

Accurate assessment of RV structure and function in PAH is essential for two reasons. First, 
direct visualization of the site of the disease in PAH, the arteriolar wall, is currently not pos-
sible in patients. Therapeutic effects can thus only be monitored indirectly by studying RV 
function and (noninvasive) estimates of pulmonary artery resistance. Second, the primary 
cause of death in PAH is RV failure. However, the mechanisms of RV failure are currently poorly 
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understood and can only be unravelled if the complex interaction between altered structure 
and function of the RV and the pivotal role of myocardial perfusion and metabolism on these 
parameters can be elucidated.

Magnetic resonance imaging (MRI) and nuclear imaging techniques offer the possibility to 
study in detail the effects of treatment on the RV. In addition, both techniques, will allow de-
termination of the role of the different factors contributing to RV failure, and subsequently to 
develop new therapeutic strategies. This article provides an overview of the latest develop-
ments in MRI and nuclear imaging techniques that are aimed at getting an integral picture of 
RV structure, function, and metabolism in PAH. 

7.2 Quantification of right ventricular geometry and mass

In the early years of MRI, it was already recognized that this technique allows accurate measure-
ments of the RV volume.2-4 Initially, the accuracy of global RV volume and function measure-
ments was verified by using water-filled latex balloons and ventricular casts of excised bovine 
hearts.4 By using a stack of ECG-triggered transverse images encompassing the RV and central 
pulmonary arteries, it was demonstrated that the severity of RV hypertrophy was proportional 
to the elevated pulmonary artery pressure. Nowadays, short-axis images are often used in daily 
clinical practice for quantification of RV volume. The principle of MRI measurement of RV vol-
ume and mass is demonstrated in Figure 7.1, which also shows the consecutive steps to be taken 
in the planning of the stack of short-axis cines in order to measure RV mass and volume.

In recent years, temporal and spatial resolution have further improved, allowing more ac-
curate quantification of global function of both the left and right ventricle and the complex 
interaction between both ventricles in pulmonary hypertension.5 Only in the late 1990s, refer-
ence values for the RV were published.6,7

A

C D

B

Figure 7�.1  Consecutive steps in the planning of stack of short-axis cines. The panels show a coronal view (A), a trans-
versal view (B), the vertical long-axis view (C) and a short-axis view (D). The white lines indicate the projection lines 
used for planning the next step in localizing. The line on the coronal view defines the transversal plane and similarly 
the next views are obtained. Signs of PAH are: enlarged right atrium (A, B) and pulmonary artery (A), leftward septal 
bowing (A, B, D) and increased pericardial fluid (B, D).
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Due to these technical improvements, assessment of RV mass and volume in COPD patients, 
difficult to study with echocardiography, became feasible.8 The accuracy of MR in this patient 
group was demonstrated by a study of Calverley et al. showing that RV mass measured by MR 
acquired pre-mortem in COPD patients corresponds with findings obtained during autopsy 
studies.9

The value of a single MR derived parameter measured at a single time point is limited.12 For 
example, increased RV mass reflects increased RV afterload on the one hand –undesirable in 
itself– and normal adaptation to this afterload on the other. Furthermore, although RV mass is 
related to pulmonary arterial pressure,10,11 this sole parameter does not reveal whether the RV 
is adapted to the increased afterload or not. Also, a dilated RV may reflect normal adaptation 
to volume overload (e.g. in portopulmonary arterial hypertension) or it may reflect RV failure. 
In contrast, assessing the changes of these structural parameters over time provides a tool to 
monitor therapy. An increase in RV end-diastolic volume and/or reduction in stroke volume 
measured by MRI, has been shown to strongly predict a poor prognosis.12 Several studies have 
demonstrated the ability of MRI to assess the effects of PAH therapy on the RV.12–14 In these stud-
ies, increased RV stroke volume and decreased mass were associated with improvement in 
symptoms and 6-minutes walking distance.

The SERAPH study,13 a randomised study on the different effects of bosentan and sildenafil, 
demonstrated that MRI derived parameters have the potential to be used as primary end-points 
for treatment comparison. The study demonstrated that sildenafil, in contrast to bosentan, 
reduces RV mass. This finding is interesting because it underlines that MR provides additional 
insights above the functional parameters currently used to evaluate the efficacy of medication. 
Furthermore, it is interesting because it confirms the finding that most of the PAH medication 
currently used not only acts on the pulmonary vasculature, but also has an intrinsic effect on 
the cardiac myocytes. Detailed studies of RV function in patients under treatment are necessary 
to elucidate these effects.

7.3 Right ventricular flow quantification

Velocity-encoded cine MRI (Figure 7.2) provides an accurate and reproducible tool for quan-
tification of pulmonary artery flow and lung perfusion.14-18 In 1992, Kondo et al. described the 
application of this technique in PAH patients for the first time.19 It was found that in comparison 
to controls, flow acceleration time and distensibility of the pulmonary artery were decreased 

A B C

Figure 7�.2� MR phase-contrast flow quantification in the main pulmonary artery. A:Planning on the RV outflow tract. B: 
Magnitude image of the flow quantification cine. C: Velocity-encoded image. Grey-values are proportional to the flow 
velocity perpendicular to the imaging plane. Signs of PAH are hypertrophic RV (A) and enlarged pulmonary artery (A, 
B, C).
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in patients with primary PAH. Similar observations were done in studies that used Doppler 
echocardiography for measuring velocity flow.20 

The major advantage of MRI volumetric flow measurements is that a precise quantification 
of the effective forward stroke volume of both the right and left ventricle is possible. Whereas 
thermodilution and the Fick method may be inaccurate in the presence of an intra-cardiac 
shunt, which is often the case in patients with PAH due to a patent foramen ovale or underlying 
congenital heart disease, MRI provides an excellent tool to quantify right and left stroke volume 
and to calculate the shunt fraction. This approach was validated and further improved by Beer-
baum et al. showing that right-to-left and left-to-right intra-cardiac shunts in children with 
congenital heart disease can be measured accurately in less than 60 seconds.16,17 This technique 
offers a new way to monitor treatment efficacy in children and adults with PAH secondary to 
congenital heart disease, since a decrease in right-to-left or an increase in left-to-right shunt 
reflects improved pulmonary hemodynamics. 

By combining MRI measured flow with pulmonary artery pressure, accurate estimations of 
pulmonary vascular resistance can be made. In a group of 24 patients with either suspected 
PAH or congenital heart disease, it was shown that this approach is feasible and valid.21A limi-
tation of this method remains that still a right-heart catheterisation is required and that for 
simultaneous measurements an interventional (X-)MRI suite together with a special catheter-
ization set must be used. For these reasons it is unlikely that this type of measurements will be 
performed routinely in the near future. 

A more attractive idea is to estimate the pulmonary pressure and vascular resistance from 
the volume-flow curve. Several attempts have been made to accomplish this.20,22,23 However, a 
validation study performed at our institute showed that all of these approaches fail to estimate 
pulmonary arterial pressure with sufficient accuracy.11

7.4 Right ventricular function and afterload

The most common description of RV systolic function is the ejection fraction based on volu-
metric assessment. Diastolic function of the RV can be estimated by end-diastolic volume and 
can be approximated by isovolumic relaxation time.24 Both parameters can be derived from 
MRI or SPECT equilibrium radionuclide angiography of the RV.25 Since the influence of afterload 
on these functional parameters is considerable, they have to be interpreted with care. An ac-
curate description of RV afterload is therefore required. 

MRI is a promising method to arrive at a better description of RV function and afterload 
if used together with pressure measurements. The most complete description of ventricular 
afterload is arterial input impedance, which can be obtained from spectral analysis of pressure 
and flow.26-28 The impedance spectrum represents both the resistance (i.e. impedance modulus, 
the amplitude ratio) and phase delay of the sinusoidal components of blood pressure and flow. 
The impedance at zero frequency represents pulmonary vascular resistance (PVR). Impedance 
thus gives a comprehensive description of steady and pulsatile afterload. Although physiolo-
gists have been familiar with the impedance concept for a long time and its clinical relevance 
has been acknowledged,26,27,29-31 clinical application has been hampered by the requirement of 
measurement of instantaneous pulmonary pressure and flow at the same time. 

Alternatively, ventricular afterload can be quantified using lumped models,32,33 i.e. models 
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in which all spatial information is accumulated in a limited number of parameters. Recently, 
we have shown that it is possible to detect differences between three patient groups with a 
three-element windkessel model using the MR flow signal as an input signal.34 As was in our 
study, MRI may be crucial in the translation of the physiological concepts into clinical prac-
tice, because it allows accurate quantification of instantaneous blood flow in the pulmonary 
artery, noninvasively.35 Especially, with the advent of MRI scanners in the catheterization labo-
ratory,36-38 pressure and flow can be measured simultaneously, which will enable advanced he-
modynamic characterization of individual patients in clinical practice. Since these scanners 
are not yet available on a wide scale some assumptions should be made about the stationarity 
of the hemodynamic state of the patient if flow and pressure measurement are performed in a 
more conventional setting.34

In a similar way, insight can be obtained in RV function by combining RV volume measures 
and pressure. Although not applied in patients with pulmonary hypertension yet, measure-
ments in animals with increased afterload have shown the feasibility of this concept.39 Since it 
has recently been shown that patients exercising in an MR scanner is a feasible technique, these 
concepts might also be applicable during exercise.40

7.5 Right ventricular wall and coronary perfusion

Little attention has been paid to RV ischaemia in relation to RV function in PAH. From animal 
studies it is known that RV coronary perfusion, and especially the systolic part, is impeded in 
pulmonary hypertension.41 In addition, nuclear techniques have shown that the RV metabolic 
need is proportionally increased with RV afterload measures42 and can be reduced during treat-
ment.43 Although RV myocardial infarction in PAH is rare, ongoing ischemia (stunning) might 
be present in PAH. 

Using stress myocardial scintigraphy, Gomez et al. showed that nine of the 23 PAH patients 
examined had images consistent with RV ischemia.44 In addition, they found a significant cor-
relation between RV ischemia obtained through myocardial perfusion scintigraphy and hemo-
dynamic measures of RV failure, underlining the possible contributing role of ischaemia to RV 
failure. 

A second factor that may contribute to impaired RV function, is the deposition of collagen in 
the RV myocardium. A recent study by Blyth et al., showed the potential of MRI to identify such 
regions in the RV myocardial wall of patients with pulmonary hypertension.45 Interestingly, 
delayed contrast enhancement (DCE) was confined to the RV insertion points in seven patients 
and extended to the interventricular septum in the remaining 16 patients (Figure 7.3). In these 
16 patients, the septal contrast enhancement was associated with interventricular septal bow-
ing. This finding suggests a mechanical factor (increased wall stress), which may contribute to 
the occurrence of fibrosis. The extent of contrast enhancement correlated positively with mean 
pulmonary artery pressure and pulmonary vascular resistance and correlated inversely with 
RV ejection fraction.

Although considerable forces acting on the RV insertion points may explain the DCE at these 
points, the DCE in the septum is less clear. Since it is known from the left ventricle that DCE 
may occur in ischemic regions it is conceivable that ischemia might also explain the septal DCE 
in pulmonary hypertension. Indeed, Nelson et al. showed in an animal model of pulmonary 
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hypertension that increased mechanic compression of the septum might impede septal blood 
flow and provoke ischemia.46 This also illustrates that combined imaging modalities may pro-
vide new insight in RV failure in pulmonary hypertension. 

7.6 Concluding remarks

Although much attention has been paid to the development of effective treatments directed 
to reverse pulmonary vascular remodelling, less attention has been paid to the RV. Given the 
central role that RV failure plays in PAH and the fact that most of PAH patients die due to RV 
failure, a search for a better treatment of RV failure is warranted. Both MRI and nuclear tech-
niques are promising candidates to help in this quest. MRI not only offers the possibility to 
measure accurately RV structure and function and its relation with changes in the pulmonary 
vasculature, but it also provides information on morphological changes of the RV wall and 
coronary blood flow. In addition, although the clinical role of MRI has not been defined yet, the 
clinical advantage of MRI for monitoring PAH patients has been recognized by many clinicians. 
Combining volumetric and flow measurements with pressure measurements will lead to an 
improved description of RV function and its afterload. Although nuclear techniques have not 
been frequently used for studying RV failure, lessons learned from the left ventricle –especially 
with respect to perfusion and metabolism– suggest that this modality may play an important 
role in the near future.  ■
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Quantification of right ventricular 
afterload in patients with and 
without pulmonary hypertension

AbstRAct Right ventricular (RV) afterload is commonly defined as pulmonary vas-
cular resistance, but this does not reflect the afterload to pulsatile flow. 
The purpose of this study was to quantify RV afterload more completely 
in patients with and without pulmonary hypertension (PH) using a three-
element windkessel model. The model consists of peripheral resistance 
(R), pulmonary arterial compliance (C) and characteristic impedance 
(Z). Using pulmonary artery pressure from right-heart catheterization 
and pulmonary artery flow from MRI velocity quantification, the wind-
kessel parameters were estimated in patients with chronic thromboem-
bolic PH (CTEPH, n = 10) and idiopathic pulmonary arterial hypertension 
(IPAH, n = 9). Patients suspected of PH but in whom PH was not found, 
served as controls (NONPH, n = 10). R and Z were significantly lower and 
C significantly higher in the NONPH group than in both the CTEPH and 
IPAH group. R and Z were significantly lower in the CTEPH than in the 
IPAH group (p < 0.05). The parameters R and C of all patients obeyed the 
relationship C = 0.75/R (R2 = 0.77), equivalent with a similar RC-time in 
all patients. Mean pulmonary artery pressure P and C fitted well to C = 
69.7/P (i.e. similar pressure-dependence in all patients). Our results show 
that differences in RV afterload between groups with different forms of PH 
can be quantified with a windkessel model. Furthermore, the data sug-
gest that the RC-time and the elastic properties of the large pulmonary 
arteries remain unchanged in PH.  ◦

8.1 Introduction

PULMONARy HyPERTENSION (PH)� can have a variety of causes,1 but all causes have 
an increased right ventricular (RV) afterload in common. Because this increased RV af-
terload may lead to hypertrophy, RV failure and ultimately to death, it is important to im-

prove the understanding of the RV afterload. Most often, RV afterload is defined as pulmonary 
vascular resistance (PVR). Since PVR is the ratio of mean pressure and mean flow, it reflects the 
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arterial load to a steady flow. In reality, however, blood flow is pulsatile. A complete description 
of RV afterload should therefore also include the load to pulsatile flow.2 A decreased arterial 
compliance, for example, may be of similar importance for RV afterload as an increased PVR.3

Another determinant of RV afterload that is not reflected by PVR nor by arterial compliance, 
is the characteristic impedance of the proximal pulmonary artery.4,5 The characteristic imped-
ance of the proximal pulmonary artery combines both blood inertia and vascular storage prop-
erties. The inertial properties play a role in acceleration and deceleration of the blood and the 
storage properties arise from the elasticity of the pulmonary arterial wall.4,5 In the absence of 
wave reflection (i.e. if the pulmonary artery would be infinitely long and waves would never 
reach the periphery), the input impedance of the pulmonary arterial system would equal the 
characteristic impedance.6 Characteristic impedance might be affected particularly if the large 
vessels are involved, as is the case in chronic thromboembolic pulmonary hypertension.7

Differentiating the resistance, compliance and characteristic impedance in RV afterload thus 
might provide important diagnostic and prognostic information. The three components can be 
derived from the input impedance spectrum directly, but also by using a physiological model. 
A model that combines the three components is the three-element windkessel model,5 which is 
most often represented by an electrical circuit. It is attractive for clinical application because its 
parameters have a physiological meaning, and the number of parameters is limited. The wind-
kessel model has been applied successfully in the analysis of the systemic arterial tree,4 but we 
do not know studies in the pulmonary circulation, where the model has been used to quantify 
and differentiate the RV afterload in different forms of PH. Therefore, the aim of the current 
study was to investigate whether three well-defined and clearly distinct patient groups can be 
discriminated using the three-element windkessel model and standard clinical measurement 
techniques.

8.2 Methods
8.2.1 Model and parameter estimation

The three-element windkessel model (Figure 8.1) consists of (total) arterial compliance C, 
pulmonary artery characteristic impedance Z and peripheral resistance R.5,6 Resistance of the 
small arteries and arterioles dominates R and the compliance C is the summation of the total 
compliance of the pulmonary conduit arteries. The characteristic impedance Z accounts for 
the local blood mass and compliance of the proximal pulmonary artery. A single resistor can 
represent it, so that the sum of R and Z equals PVR. Note that in the model, R, C and Z are 
independent of each other. 

Because of its popularity in different applications, a variety of methods can be found in the 
literature for estimation of the parameters of the three-element windkessel model from pres-
sure and flow data obtained in the aorta or pulmonary artery.5,6,8-10 The energy balance method 
proposed by Cappello et al.8 is based on conservation of mass and energy. Using these, expres-
sions for R and Z are derived in terms of PVR, averaged squared pressure and flow and mean 
power entering the vascular bed. After deriving R and Z, pressure and volume for the arterial 
compliance can be calculated from which C can be estimated with linear regression. Thus, im-
plementation of the energy balance method of Cappello et al. is straightforward: initial values 
and iterations are not required for estimation of the parameters. Therefore, the energy balance 
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method was used in this study. Venous pressure was assumed to be negligible, so that pulmo-
nary artery pressure represents the pressure gradient across the pulmonary vascular bed.

Because compliance estimated with a three-element windkessel model is known to over-
estimate compliance,11 compliance was also estimated using the pulse pressure method.12 Fur-
thermore, compliance was estimated as the ratio of stroke volume divided by pulse pressure. 
The latter method has been shown recently to be a strong predictor of survival in idiopathic 
pulmonary arterial hypertension.13 

The product of R and C has the dimension of time. It is a time constant that characterizes the 
decay of pulmonary artery pressure in diastole.4 Because increased resistance leads to an in-
creased pressure, and increased pressure leads to decreased compliance, it is not clear a priori 
whether the RC-time changes in PH. RC-time was therefore also studied in the three patient 
groups.

8.2.2 Patients

Included in the study were patients without PH, with idiopathic pulmonary arterial hyperten-
sion (IPAH) and patients with chronic thromboembolic PH (CTEPH). The latter patients had 
a history of pulmonary embolism and an abnormal pulmonary angiogram. Six of the CTEPH 
patients were considered inoperable. The decision on operability was made in a team of pul-
monologists, radiologists and a surgeon. A pulmonary angiogram that showed less obstruction 
in the central arteries than may be expected on the basis of the PVR was considered an impor-
tant indication for small vessel disease. 

It was assumed that the vasculopathy of IPAH involves distal resistive arteries,14 whereas the 
thrombi in CTEPH might also involve large pulmonary arteries.7,15,16 Thus, both patient groups 
are likely to have a different RV afterload. Patients suspected of PH but in whom no elevated 
pulmonary artery pressure was measured, served as controls (NONPH). Selection was based on 
clinically accepted standards.1 At the time of examination, patients had received neither treat-
ment for pulmonary arterial hypertension nor any other medication except acenocoumarol 
and diuretics. Patients with reversible PH were excluded. Reversibility was defined as a drop of 
at least 10 mmHg in pulmonary artery pressure to 40 mmHg or below after administration of 
20 ppm NO.1 In addition, PH due to lung or heart disease was excluded by further diagnostic 
work-up (lung function test, high resolution CT-scan and echocardiography) according to the 
guidelines.1 Clinical functional status of the study group was New york Heart Association class 
III or IV for both patient groups. The hemodynamic characteristics of both patients groups 
are shown in Table 8.1. The study was approved by the institutional review committee and all 
patients gave informed consent.

Zc

R
C

Figure 8�.1 The three-element windkessel model represented as an electrical circuit.
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8.2.3 Measurements

In the NONPH and IPAH patients, pressure was measured via the transfemoral approach with 
a 6-F fluid-filled, single-lumen, multipurpose catheter (Cordis, Miami Lakes FL, USA). In the 
CTEPH patients, pressure was measured during pulmonary angiography with a 6-F Grollman 
catheter (Cook, Eindhoven, the Netherlands). The pressure signal and the ECG were digitally 
recorded at a sampling frequency of 250 Hz using a custom-made LabVIEW application (Na-
tional Instruments, Austin TX, USA). During catheterization, cardiac output was measured us-
ing Fick’s method. The frequency response of the catheters used in the study, was evaluated in 
vitro using a pressure-step apparatus17 and the response was analysed as described by Gard-
ner.18

In all patients, volumetric flow in the pulmonary artery was measured with MRI using phase-
contrast velocity quantification within 7 days after right-heart catheterization. It was assumed 
that despite the delay in the pressure and flow measurement, the patient was in the same he-
modynamic steady-state. On a 1.5T scanner (Magnetom Sonata, Siemens Medical Solutions, 
Erlangen, Germany), images of the main pulmonary artery cross-section were acquired with 
velocity-encoding perpendicular to the imaging plane. The slice location and orientation were 
determined as described earlier.19 A two-dimensional spoiled gradient-echo pulse sequence 
was applied with an excitation angle of 15°, a TE of 4.8 ms, TR of 11 ms and a receiver bandwidth 
of 170 Hz per pixel. Velocity sensitivity was set to 150 cm/s, but, if appropriate, adjusted to 
lower or higher values in individual cases. The velocity encoding was interleaved, resulting in a 
temporal resolution of 22 ms. The field of view was set to 260 × 320 mm, and the matrix size to 
208 × 256. No k-space segmentation was applied and acquisitions were not averaged. Acquisi-
tions were prospectively triggered to the ECG, and during the acquisition, the patients breathed 
freely. The ECG was recorded during the acquisition. In the image reconstruction, concomitant 
gradient terms were removed. Phase offset errors were removed using a time-varying variant 
of the method described by Lankhaar et al.20

Volumetric flow as a function of time was obtained from the MRI phase images after analysis 

Table 8�.1 Patient characteristics and hemodynamic data

NONPH
(n = 10)

CTEPH
(n = 10)

IPAH
(n = 9)

Age, y 54 ± 16 61 ± 13 51 ± 16

Male : female 2 : 8 3 : 7 2 : 7

Mean PAP, mmHg 18 ± 4 45 ± 14* 58 ± 14*

Systolic PAP, mmHg 28 ± 7 74 ± 19* 91 ± 22*

Diastolic PAP, mmHg 10 ± 3 30 ± 13* 36 ± 8*

Right atrium pressure, mmHg 4 ± 1 10 ± 4* 7 ± 4

Heart rate, bpm 73 ± 11 82 ± 14 89 ± 15

Cardiac index, l·min–1·m–2 3.9 ± 1.4 2.2 ± 0.7 3.1 ± 1.6*

Total pulmonary vascular resistance, dyn·s·cm–5 150 ± 101 854 ± 360* 978 ± 390*

SvO2, % 73 ± 7 59 ± 12* 61 ± 10*

Values presented as mean ± SD. *Significantly different from NONPH (p < 0.05). NONPH = control; CTEPH = chronic 
thromboembolic pulmonary hypertension; IPAH = idiopathic pulmonary arterial hypertension; PAP = pulmonary 
artery pressure; SvO2 = mixed venous oxygen saturation.
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with Medis Flow (Medis, Leiden, the Netherlands). Contours were drawn semi-automatically 
around the pulmonary artery cross-section in the MRI magnitude images. The average velocity 
within the contour of each image was multiplied with its area. Analysis of a complete cine, re-
sulted in a volumetric flow curve with a sampling period of 22 ms. The flow curve is an average 
of about 200 heartbeats. 

8.2.4 Data preprocessing

Pressure resulted from a continuous recording, while flow was an average of many cardiac 
cycles. The sampling frequency of the pressure signal was higher (250 Hz) than that of the 
flow signal (45 Hz). Furthermore, differences in heart rate were found in both signals because 
measurements were not conducted simultaneously. Therefore, pressure and flow had to be 
preprocessed before analysis.

From the pressure signal, an interval of about 20 s during which the pressure is stationary 
(no large variations in systolic, diastolic and mean pressure) was selected. Underdamping ar-
tifacts were removed by zero-phase filtering21 with a fifth order Butterworth filter (cut-off fre-
quency 10 Hz). The cycles in the selection were ensemble-averaged. The influence of beat-to-
beat variations due to breathing was reduced by setting the average of each individual cardiac 
cycle to the overall average of the selected interval. 

The flow curve was resampled to the sampling frequency of the pressure curve using zero-
padding in the frequency domain.21 Subsequently, the start of diastole was identified (first zero-
crossing after its minimum). Because valvular leakage could be excluded in all patients, it was 
assumed that diastolic flow equals zero. Therefore, all diastolic samples were set equal to zero 
and the period length of the resulting flow curve was adjusted to match the period length of the 
ensemble-averaged pressure by adding or deleting zero samples in diastole. Finally, to ensure 
a periodic flow, the last five samples (after interpolation) of flow, were linearly interpolated to 
the first sample of flow. 

Preprocessing thus yielded an average pressure and an average flow wave of the same length, 
sampled at the same frequency. Although t = 0 of both signals coincided with the R wave of 
the ECG, synchronization was still necessary. Using the windkessel model, this was done as fol-
lows. Flow was used to predict pressure with the windkessel model. Flow was then shifted in 
time (i.e. samples at the end of the cardiac cycle were cyclically rotated to the beginning of the 
cycle), and the windkessel parameters were estimated again from pressure and the shifted flow. 
Using these new parameters, the pressure was predicted and compared with the measured 
pressure. Shifting of flow was repeated until the difference between predicted and measured 
pressure (i.e. the sum of squared residuals) was minimal. 

Data processing, simulation and parameter estimation was conducted with MATLAB (ver-
sion 7.0.0.19920, r14, The Mathworks Inc., Natick). 

8.2.5 Accuracy of the energy balance method and pressure measurement

A simulation model was used to assess the accuracy of the energy balance method in the pres-
ence of distortions due to the transfer characteristics of a fluid-filled catheter. Both a pressure 
and a flow wave were simulated with the ventricle-vascular bed model described by Stergiopu-
los et al.22 In this model, the vascular bed is modelled as a three-element windkessel model and 
the ventricle as a time-varying elastance. Three sets of model parameters were chosen such that 
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the pressure and flow waves generated by the model were representative of the three patient 
groups used in this study. The simulated pressure wave was used as input to a second order dif-
ferential equation model of the fluid-filled catheter.18,23 Depending on the damping and natural 
frequency chosen for this model, an under- or overdamped catheter could be simulated. Sub-
sequently, the distorted pressure wave resulting from this catheter model was filtered with the 
Butterworth filter as described above. Both the filtered and unfiltered distorted pressure wave 
and the simulated flow wave were used to estimate the windkessel parameters using the energy 
balance method. The estimated parameters were compared with the true parameters (as ini-
tially set in the simulation). This procedure was repeated for different combinations of natural 
frequencies and damping coefficients.

8.2.6 Statistical methods

The group averages of the basic hemodynamic data and the estimated windkessel parameters 
of the patients were compared using one-way analysis of variance with a least significant dif-
ference (LSD) post hoc test that compares all pairs of patient groups. Differences with p < 0.05 
were regarded significant. Values are presented as mean ± SD. Statistical analysis was conducted 
with SPSS 12.0.1 for Windows (SPSS Inc., Chicago, Illinois, USA). 

8.3 Results
8.3.1 Basic hemodynamic characteristics of the patient groups

The characteristics of the study population are shown in Table 8.1. Note that although the 
pulmonary artery pressure seems to be lower in the CTEPH group than in the IPAH group, the 
difference is not statistically significant (p = 0.083). Also, there is no difference in PVR (calcu-
lated from mean pressure and Fick cardiac output, p > 0.5), right atrium pressure (p = 0.39) and 
mixed venous saturation (p > 0.5). Thus, severity of the PH is comparable in both groups.

8.3.2 Model parameters of the patient groups

An example of a preprocessed pressure-flow pair from each patient group is shown in Figure 
8.2. The estimated windkessel model parameters of the three patient groups are shown in Fig-
ure 8.3. The NONPH group differed significantly from the CTEPH and IPAH groups in terms of 
peripheral resistance R, compliance C (estimated with the energy balance method) and charac-
teristic impedance Z (vs. CTEPH p < 0.05, vs. IPAH p < 0.001). As to the difference between the 
two groups with PH, there was a significant difference in terms of Z and R (p < 0.05) but not in 
terms of C (Figure 8.3). Thus, RV afterload in terms of peripheral resistance and characteristic 
impedance is different in CTEPH from the RV afterload in IPAH, but not in terms of pulmonary 
arterial compliance. All three compliance estimation methods resulted in the same significance 
levels for the differences in compliance between the patient groups (Figure 8.3, middle panel).

8.3.3 Comparison of compliance estimation methods

Compliance estimated with the pulse pressure method (CPPM) and estimated with the ratio 
stroke volume over pulse pressure (CSVPP) correlated well with the compliance estimated with 
the energy balance method (CEBM); overall correlations: ρ = 0.83, p < 0.0001 (CEBM vs. CPPM) and 
ρ = 0.85, p < 0.0001 (CEBM vs. CSVPP). Also CPPM and CSVPP correlated well overall: ρ = 0.99, p < 
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0.0001. Analyzed for each patient group separately, all three methods showed good correla-
tions ρ > 0.82, p < 0.01, except for the NONPH group. In the latter group, CEBM correlated weakly 
with CPPM (ρ = 0.50, p = 0.14) and with CSVPP (ρ = 0.58, p = 0.08). CEBM and CSVPP showed no bias 
with respect to each other, whereas they were consistently greater than CPPM. 

8.3.4 Accuracy of the pressure measurement and energy balance method

The damping ζ and natural frequency fn of the used catheters as determined with the pressure-
step apparatus17,18 were ζ = 0.37 ± 0.10, fn = 15.2 ± 4.0 Hz for the multipurpose catheter; ζ = 0.41 
± 0.10, fn = 14.3 ± 0.4 Hz for the Swan-Ganz catheter; and ζ = 0.43 ± 0.10, fn = 19.6 ± 0.7 Hz for 
the Grollman catheter. In all tests, the frequency response was adequate, as defined by Gardner. 
Using the simulation model, the accuracy of the energy balance method was tested using (ζ, 
fn)-combinations in the ranges ζ = 0.25 through 0.55 and fn = 13 through 21 Hz. These ranges 
included all frequency responses found in the in vitro test of the catheters. A cut off frequency 
of 10 Hz for the Butterworth filter was used. From the simulations it followed that without 
filtering, the maximum error in Z and C was below 12% in all cases. Filtering reduced the error 
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in the estimated parameters to ≤ 9%, except for C in the simulated NONPH-case (error before 
3% and 12% after filtering).

8.3.5 Relation between R and C

The parameters R and C (= CEBM) of all patients showed a strong inverse relationship, indepen-
dent of the patient group they belonged to (Figure 8.4). Fitting C = τ/R to the data resulted in 
τ = 0.75 s (R2 = 0.77). This relationship implies that the product RC equals 0.75 s in all patients. 
Indeed, the average product of R and C was not significantly different in the three groups (0.79 
± 0.31 in NONPH, 0.74 ± 0.37 in CTEPH and 0.69 ± 0.22 s in IPAH). The same holds for the RC-
times as determined from CPPM and CSVPP, although the former resulted in a smaller RC-time 
(overall average 0.48 ± 0.17 s). Thus, on average the RC-time is not altered in PH. 

8.3.6 Relation between mean pulmonary artery pressure and C

Also mean pulmonary artery pressure P and C (= CEBM) of all patients showed a relationship 
(Figure 8.5). Fitting an exponential model6,24 to the data 

 ( ) bPC P a e−= ⋅  (8.1)

resulted in a = 6.5 ml/mmHg and b = 0.037 mmHg–1 (R2 = –0.62, absolute sum of squares 72.5), 
while fitting an inverse model 

 ( )C P β P   (8.2)

resulted in β = 69.7 ml (R2 = –0.16, absolute sum of squares 69.3). Comparison of both models 
with Akaike’s information criterion25 showed that despite its better fit, the exponential model 
(higher R2) is less likely than the inverse model (evidence ratio 6.82, corresponding to a chance 
of 13% that the exponential model is most likely versus a chance of 87% that the inverse model 
is most likely). Similar results were found for P versus CPPM and CSVPP (both 96% chance that 
inverse model is most likely).
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Figure 8�.4� The relationship between resistance R and compliance C (estimated with the energy balance method) in 
the three patient groups. The solid line shows the best fitting inverse relation. NONPH = control; CTEPH = chronic 
thromboembolic pulmonary hypertension; IPAH = idiopathic pulmonary arterial hypertension.
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8.4 Discussion
8.4.1 General discussion

In this study, a hemodynamic model of the pulmonary vascular bed was used to quantify RV 
afterload in three distinct patient groups. By combining standard clinical measurements of 
the pulmonary artery pressure and flow wave in individual patients, a difference was shown 
in peripheral resistance R and characteristic impedance Z of the CTEPH and the IPAH group. 
Furthermore, it was shown that the parameters R, total pulmonary arterial C and Z of the 
CTEPH and the IPAH groups were different from the NONPH group. Finally, it was shown that R 
and C of all patients obeyed the same inverse relation (i.e. RC of all patients is equal) and that 
the relation between mean pulmonary artery pressure and C can be described by an inverse 
relationship.

The three-element windkessel model was used as a model of the pulmonary vascular bed. 
Although alternative models have been proposed for the pulmonary circulation,26-28 the wind-
kessel model has several advantages. It is a general, widely accepted model17 that can be applied 
to many vascular beds including the pulmonary vascular bed as a load on the heart.5,27 Further-
more, many methods have been published for the estimation of its parameters. Finally, because 
its parameters have a physiological meaning, its interpretation is straightforward, which makes 
it attractive for clinical application.

8.4.2 Model parameters of the patient groups

As may be expected, the peripheral resistance R was higher in the CTEPH- and IPAH-patients 
than in the NONPH-patients. This must be attributed to vasoconstriction, inward vascular-wall 
remodeling, rarefaction, thrombosis, or a combination of these processes.14 In IPAH, the dis-
ease is mainly located in the peripheral arteries and arterioles whereas in CTEPH also the larger 
vessels are involved.7 This agrees with a higher R in IPAH than in CTEPH, but this may also be 
because of the (non-significantly) higher PVR that was found in IPAH. An overlap between both 
groups, on the other hand, agrees with the fact that in half of the CTEPH patients small vessel 
disease was believed to be present. 

We found that characteristic impedance Z was be higher in the IPAH group than in the 
CTEPH group. Therefore, it may be concluded that the lumen reduction of the main pulmonary 

0 20 40 60 80 100
0

2

4

6

8

10
C 

(m
l/m

H
g)

P (mmHg)

NONPH
CTEPH
IPAH

Figure 8�.5� Nonlinear regression of C (estimated with the energy balance method) and mean pulmonary artery pres-
sure. Both the best fitting inverse model (solid line) and exponential model (dashed line) are shown. NONPH = con-
trol; CTEPH = chronic thromboembolic pulmonary hypertension; IPAH = idiopathic pulmonary arterial hypertension.
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artery in CTEPH due to the very proximal pseudo-intimal thickening,7 does not affect char-
acteristic impedance and that the higher pressure in IPAH than in CTEPH, on the other hand, 
leads to a decrease in proximal pulmonary artery compliance which is a main determinant of 
characteristic impedance.4

Because the windkessel model is known to overestimate compliance,11 compliance was also 
estimated using the pulse pressure method. Despite the differences found between both meth-
ods, the pulse pressure method showed the same trends as the differences between the patient 
groups. Consequently, the significance levels of the differences between the groups were not 
altered. The same holds for the compliance as estimated by the ratio of stroke volume and 
pulse pressure. Thus, for comparison of the RV afterload in groups of patients, the compliance 
estimation method appears not to be of great importance. 

8.4.3 Constant RC-time

The RC-time characterizes the exponential decay of pulmonary artery pressure during diasto-
le,4,29 while R and C are also important determinants of RV afterload during systole. In the past, 
it has been shown that there is an inverse relation between pulmonary arterial compliance and 
vascular resistance under normal and a wide variety of experimental conditions in both man 
and dog.4,29 An inverse relation corresponds with a constant RC-time. In our study, an inverse 
relationship was indeed found, but there was a difference between the value of 0.75 s we found 
and the average of 0.33 s of the values reported by Reuben.29 The difference may be attributed 
to the difference in estimation methods: Reuben used the exponential decay of the pulmonary 
artery pressure wave in diastole from which left atrial pressure was subtracted, and used PVR (= 
R + Z), while we used the energy balance method8 and used R instead of PVR. 

8.4.4 Pressure-dependent compliance

Pressure-dependence of vascular compliance agrees with earlier findings on the pulmonary 
artery30,31 and the aorta.24,32,33 Several models to describe the relationship between pressure and 
compliance have been proposed in the literature,24,31-33 most of them being exponential. When 
fitted to the data, the model of Fung6 showed that the term in the denominator is negligible and 
that thus the inverse model presented above suffices. Neglecting the term has the advantage 
that the following equation holds

 β βP
RC

F P F
     (8.3)

with F the cardiac output. If the mean cardiac output F = 5.3 l/min = 88.9 ml/s and β = 62.6 ml 
are substituted, an RC-time of 0.70 s results. This agrees very well with the RC-time of 0.75 s 
found above.

The remarkable consistency and similarity in all patients, whether with or without PH, in 
both RC-time and pressure-dependent compliance suggests that there are little or no structural 
changes in the elastic properties of the pulmonary artery in PH. The pulmonary circulation 
seems to keep RC-time constant by the mechanism that was suggested by Sniderman et al.:2 
an increased resistance R leads to an increased pressure (Ohm’s law), which in turn leads to a 
decrease in compliance C by a shift in position on the pressure-volume relationship of the large 
pulmonary artery. 
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8.4.5 Clinical value of the model

It has been shown that PVR is a poor predictor of prognosis in PH.2 This might in part be ex-
plained by the fact that PVR does not reflect the entire RV afterload. In the pulmonary circula-
tion, the pulsatile components of pressure and flow constitute as much as one third to one half 
of the total hydraulic power that is transferred from the RV to the pulmonary vascular bed.34 As 
a consequence, pulsatility plays a more important role in the pulmonary than in the systemic 
circulation. Piene and Sund showed that the RV and its load are matched (i.e. pump efficiency 
is maximal) by the characteristic impedance of the pulmonary vascular bed, and they even 
suggested that pulsatility is transferred throughout the whole pulmonary vascular bed in order 
to assist the left atrium.35 Pulsatility and mismatching of the RV to its afterload may therefore 
better explain signs of clinical worsening than quantities related to steady flow only, such as 
PVR and mean pulmonary artery pressure.2 Thus identifying the different components that 
constitute RV afterload is a prerequisite for understanding the mechanisms that lead to RV fail-
ure. Optimal insight in RV afterload would be obtained by an input impedance spectrum,36 but 
since input impedance spectra are difficult to interpret a simpler model is preferable for clini-
cal practice. It has been shown that the input impedance of the pulmonary circulation can be 
represented by the three-element windkessel model.5,27 This model has the advantage that it is 
easy to interpret and that it is, as our finding show, sensitive enough to characterize differences 
in physical properties of the pulmonary vascular bed in different patient groups.

At first sight, a windkessel model may not seem to be a good representation of the pulmo-
nary circulation. Being a lumped model, it does not contain spatial information and therefore 
it cannot describe wave reflection phenomena which play an important role in the pulmonary 
circulation. However, in this study we were interested in the arterial load on the heart and not 
in aspects of wave travelling and reflection. To this end a windkessel model is adequate.5

8.4.6 Clinical implications

The similar RC-time in all patients may explain why changes in PVR often do not reflect clinical 
changes in PH patients. If it is assumed that the RC-time remains constant under all circum-
stances, an equal decrease in PVR (e.g. due to therapy) will have a much larger impact on the 
compliance in patients with a low PVR than in patients with a high PVR. Thus, patients with a 
low PVR will improve in both steady and pulsatile RV afterload, whereas patients with a high 
PVR only improve in steady afterload. This is illustrated in Figure 8.6. Both patients have an 
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equal improvement in PVR, but the resulting improvement in compliance of patient a is much 
larger than that in patient b. Changes in compliance, on the other hand, may better reflect clin-
ical changes in PH patients, since this has recently been shown to be a strong and independent 
predictor of survival in IPAH.13 It still remains to be studied whether changes in compliance also 
better reflect clinical changes and whether the RC-time remains the same during treatment. If 
so, the RC -time may be used to retrospectively estimate compliance from resistance. 

8.4.7 Limitations

The NONPH group consists of patients with unexplained complaints that lead to the suspicion 
of PH. Therefore they may not be completely normal. The NONPH group has a mean pulmonary 
artery pressure of 18 mmHg which is slightly elevated if compared with the normal value of 12 
mmHg given in literature.28,37 However, because a catheterization is required it has been accept-
able practice to use such a control group.38 Furthermore, all patients were screened extensively 
before inclusion in the study according to the clinical guidelines for the management of PH.1 
IPAH patients reactive to NO were excluded. Therefore, no conclusions can be drawn on com-
pliance changes in response to NO nor on reactive IPAH.

The measurements of pressure and flow were not conducted simultaneously while treated as 
if they were. Simultaneous measurement of pressure and flow in the human pulmonary artery 
is difficult due to the anatomical position of the artery. Several methods have been used in 
the past,34,38-40 but most of them cannot be applied routinely in the clinic, because they either 
require high operator skills (with observer variability as a consequence) or expensive devices. 
The feasibility study of Muthurangu et al.40 bears most resemblance with the current study. 
Their setup with MR-guided catheterization would be preferable, but in most clinics (as in 
ours) it is not available. Although nonsimultaneity may lead to errors in the parameter estima-
tions due to variations in the state of the patient, we assume that it will not affect accuracy to 
a great extent. Because parameters are estimated from averaged signals, short-term variations 
will average out. The remaining signals reflect the long-term state of the pulmonary vascular 
bed. For stable patients, it may be safely assumed that this will not change within a week. 

Pulmonary artery pressure was measured using fluid-filled catheters. As pointed out by 
numerous authors, pressure waves measured with a fluid-filled catheter have to be interpreted 
cautiously, because the pressure waveform may be distorted by the dynamic response of the 
catheter.4,41-43 By taking care of a properly flushed catheter system, we optimized the catheter 
response. Remaining underdamping artifacts were filtered out. Furthermore, we concluded 
from a sensitivity test on the parameter estimation method that the energy balance method 
was robust in the presence of distortions.

8.5 Conclusion

This study has shown that is possible to detect differences in RV afterload in distinct patient 
groups using a three-element windkessel model. The windkessel parameters were shown to 
be different in NONPH, CTEPH and IPAH. Furthermore, it was shown that there exists a strong 
relationship between resistance and compliance and between pressure and compliance, which 
indicates that the elastic properties of the large pulmonary arteries remain unaltered in PH.  ■
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Pulmonary vascular resistance and compliance 
stay inversely related during treatment of 
pulmonary hypertension

AbstRAct Aims: Pulmonary arterial compliance (C) is increasingly being recog-
nized as an important contributor to right ventricular afterload, but for 
monitoring of treatment of pulmonary hypertension (PH) most often still 
only pulmonary vascular resistance (R) is used. We aimed at testing the 
hypothesis that R and C are coupled during treatment of PH and that 
substantial changes in both R and C would result in more hemodynamic 
improvement than changes in R alone. 
Methods and results: Data was analysed of two right heart catheteriza-
tions of 52 patients with pulmonary arterial hypertension and 10 with 
chronic-thromboembolic PH. The product of R and C (= stroke volume 
over pulse pressure) did not change during therapy (p = 0.320), implying 
an inverse relationship. Changes in cardiac index correlated significantly 
(p < 0.001) with changes in R (R2 = 0.37), better with changes in C (R2 = 
0.66) and best with changes in both (R2 = 0.74). 
Conclusions: During therapy for PH, R and C remain inversely related. 
Therefore, changes in both R and C better explain changes in cardiac in-
dex than either of them alone. Not only resistance but also compliance 
plays a prominent role in PH especially in an early stage of the disease. ◦

9.1 Introduction

PULMONARy HyPERTENSION (PH)� is characterized by an increased right ventricular 
(RV) afterload. Although, the RV initially may adapt to this afterload, most patients even-
tually die from heart failure. Since new therapies aimed at reducing RV afterload, have 

been introduced in the last decade, it is important to gain insight in the factors that contribute 
to RV afterload and how they are affected by therapy. 

In clinical practice, changes in RV afterload after therapy are most often described as changes 
in pulmonary vascular resistance. For example, in clinical trials on new therapies, pulmonary 
vascular resistance is often used as a secondary1,2 or even primary3 endpoint. However, while 
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resistance relates to steady load (ratio of mean pressure and mean flow), flow is obviously pul-
satile. Since arterial compliance relates to oscillatory load, compliance may be a hemodynamic 
parameter of equal importance as resistance. However, to our knowledge the long-term effects 
of therapy on compliance in PH have not been studied yet. Mahapatra et al.4 showed that com-
pliance is a strong predictor of mortality, but they did not study changes in compliance after 
therapy. Weinberg et al.5 studied changes in compliance, but they studied acute effects only. 

The product of resistance (R) and compliance (C) is called the RC-time because it has the 
unit of time. It characterizes the decay of pulmonary artery pressure in diastole.6 In a previous 
study we have shown that the RC-time is the same in patients with and without PH,7 implying 
that R and C are inversely related: patients with a large R have a small C and patients with a 
small R have a large C. We hypothesized that the RC-time remains the same during therapy 
for PH. As shown in Figure 9.1, patients with severe PH (high R at baseline) will then require a 
much larger decrease in R than patients with mild PH (low R at baseline) in order to obtain the 
same increase in C. Therefore it may be expected that patients show more hemodynamic im-
provement when their decrease in R is accompanied by a increase in C than when R decreases 
alone. In this study, we determined both R and C twice during therapy and related changes in 
cardiac index with changes in R and C. 

9.2 Methods
9.2.1 Patients and measurements

We included all consecutive patients with pulmonary arterial hypertension (PAH) or inopera-
ble chronic thromboembolic pulmonary hypertension (CTEPH) who had undergone two right-
heart catheterisations between October 2003 and June 2006 and who were treated for PH. The 
distribution of diagnoses is shown in Table 9.1. The CTEPH patients had a history of pulmonary 
embolism and an abnormal pulmonary angiogram. Their operability was evaluated accord-
ing to the recommended criteria.8-10 All patients suspected of PH were evaluated according to 
a standard diagnostic protocol.11 PAH is confirmed if a mean pulmonary artery pressure > 25 
mmHg and a pulmonary capillary wedge pressure < 15 mmHg at rest is found. On a regular 
basis or if the clinical occasion calls for it, patients undergo a follow-up right heart catheterisa-
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Figure 9.1 The consequence of a constant RC-time τ during therapy for patients A and B. At baseline, patient A has a 
low resistance R (mild PH) and patient B a high resistance (severe PH). If the RC-time is constant, patients will move 
along the red line and a change in resistance ΔR will be accompanied by a change in compliance ΔC. If resistance R 
of both patients decreases with the same amount ΔR, patient A will improve much more in compliance than patient 
B. Thus, patient A will improve substantially in both steady and pulsatile afterload, while patient B will improve in 
steady afterload only. The arrows indicate the direction in which steady and pulsatile afterload decrease.
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tion for assessment of treatment effectiveness. The first of the two catheterisations could either 
be a baseline (before disease-specific treatment) or a follow-up catheterisation. 

To prevent selection bias for a specific treatment, we included patients on a wide variety of 
regimens (Table 9.2). In addition, many patients went through one or more regimen changes 
between the two catheterisations. The institutional ethics committee approved the study and 
all patients gave informed consent.

Pressure was measured during right-heart catheterisation (PAH) or during pulmonary an-
giography (CTEPH). Cardiac output was measured using the Fick principle or thermodilution. 
If possible, pulmonary capillary wedge pressure (or left-ventricular end-diastolic pressure) was 
measured. If wedge pressure could only be measured during one of the two catheterisations or 
during a third catheterisation not longer than one year ago, wedge pressure was assumed equal 
to the latter. If a reliable wedge pressure was not available, a value of 10 mmHg was assumed. In 
19 patients, pressure and ECG were digitally recorded using a PowerLab data acquisition system 
(ADInstruments) for comparison of the RC-time estimation methods. 

9.2.2 RC-time 

R was calculated as the ratio of mean pulmonary artery pressure and mean flow and C as the 
ratio of stroke volume and pulse pressure. For the RC-time τ it then holds that

 MPAP PCWP
SV

τ R C 
  

SV
T


MPAP PCWP

PP PP
T 

  (9.1)

with T the heart period, mPAP mean pulmonary artery pressure, PCWP the pulmonary capil-
lary wedge pressure and PP pulmonary artery pulse pressure. To test the validity of this formula 
τ was also estimated from the pulmonary artery pressure in the subset of patients with a digi-
tally recorded pressure. A mono-exponential function was fit to the diastolic pulmonary artery 
pressure of an ensemble-averaged cardiac cycle.6,7 The function was fit by linear regression of 
the logarithm of the diastolic pressure (from 50 ms after the start of diastole to 50 ms before 
the end; asymptotic pressure equal to PCWP). These analyses were done with MATLAB 7.0, r14 
(The MathWorks, Natick, MA). 

Table 9.1 Distribution of the diagnoses across the study population

Diagnosis Number of patients

Idiopathic PAH 29

Familial PAH 6

PAH associated with

Collagen vascular disease 7

Congenital systemic-to-pulmonary shunts 3

Portal hypertension 1

HIV infection 1

Drugs and toxins 1

Other diseases 4

Chronic thromboembolic pulmonary hypertension 10

PAH = pulmonary arterial hypertension
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9.2.3 Statistical methods

Values of catheterisation 1 and 2 were compared with a paired Student’s t-test (two-tailed). Del-
ta’s (Δ) were calculated as the value at catheterisation 2 minus the value at catheterisation 1 and 
average absolute changes as the average of the absolute value of the delta’s. Different regression 
models were used to explain the changes in cardiac index (ΔCI). First, ΔR and ΔC were used 
separately as univariate predictors. Subsequently, the model with ΔR as predictor was stepwise 
extended with ΔC and ΔR∙ΔC (interaction term) as predictors. These models were compared 
using the F-test and the standardized regression coefficients. Besides ΔR and ΔC, the length of 
the arrow (vector) λ that connects the first and second RC-pair of a patient (Figure 9.1)

 2 2(Δ ) (Δ )λ R C     (9.2)

was used as a predictor. In case of improvement in R during therapy (ΔR negative), λ was as-
signed a positive sign and otherwise a negative sign. 

Because both the dependent and the independent variables in the regression models are 
derived from common measurements, regression and correlation may be biased due to math-
ematical coupling.12 We corrected mathematical coupling with the method of Stratton et al.12 
for univariate regression and the SIMEX method13 for multivariate regression. Differences with 
p < 0.05 were regarded as statistically significant (two-tailed testing). Values are presented as 
mean ± SD. Statistical analysis was done with SPSS 12.0.1 for Windows (SPSS, Chicago, IL) and 
correction for mathematical coupling with MATLAB.

9.3 Results
9.3.1 Patient characteristics

Our study population consisted of 17 men and 45 women, aged 47.8 ± 15.1 yr at catheterisation 1 
(range 21.2 to 78.6 yr). Fifty-two patients were diagnosed with PAH and 10 patients with inoper-
able CTEPH. The time between the two catheterisations was 1.1 ± 0.4 yr (range 50 to 748 days). 
Table 9.3 summarizes the hemodynamic data. Most of the hemodynamic variables changed 
significantly during the period between the catheterisations (p < 0.01). On average, we did not 
find a change in right atrial pressure, and heart rate. The average absolute change was 3.1 ± 2.5 
mmHg in right atrial pressure and 9.8 ± 8.8 bpm in heart rate. 
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Figure 9.2� Bland-Altman analysis of the agreement between τ estimated with the simple formula and the exponential 
fit. Dashed lines denote limits of agreement and the dotted lines the corresponding 95% confidence intervals.
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9.3.2 RC-time

Bland-Altman analysis of the two estimation methods for τ revealed an average difference of 
–0.05 ± 0.10 s, indicating that the simple formula underestimates τ with respect to the average 
of the simple formula and τ estimated with the exponential fit (Figure 9.2). Since, the former is 
the product of two validated estimation methods (R, the ratio of pressure and flow, and C, the 
ratio of stroke volume and pulse pressure) and since it enables estimation of τ in a larger cohort 
of patients, we judged the agreement acceptable. 

On average, the RC-time did not change significantly during the period between the two 
catheterisations: τ1 = 0.61 ± 0.15 s and τ2 = 0.59 ± 0.16 s. Although many patients showed a 
change in τ (average absolute change 0.11 ± 0.09 s or 19 ± 16%, Figure 9.3), the average differ-
ence was not statistically significant (paired Student’s t-test: p = 0.320; 95% confidence interval 
of differences: –0.017 to 0.053 s). 

We investigated whether the heterogeneity of the population concealed possible different 
behavior of subgroups. Subgroups were defined on the basis of moment of catheterisation 1 
(either before or during disease-specific treatment) and diagnosis (idiopathic PAH or CTEPH). 
In none of the subgroups, a significant change in τ was found (Table 9.4). 

Table 9.3 Average hemodynamic data

Catheterisation 1 Catheterisation 2 p

Mean pulmonary artery pressure, mmHg 50  ±  13 47  ±  12 0.005

Systolic pulmonary artery pressure, mmHg 80  ±  22 75  ±  20 0.008

Diastolic pulmonary artery pressure, mmHg 30  ±  10 27  ±  9 0.013

Pulmonary capillary wedge pressure, mmHg 10  ±  3 10 ± 3 0.239

Right atrial pressure, mmHg 7  ±  5 7  ±  5 0.365

Heart rate, bpm 81  ±  17 80  ±  14 0.468

Cardiac index, l·min–1·m–2 2.9  ±  1.0 3.4  ±  1.2 0.007

Body surface area, m2 1.87  ±  0.29 1.85  ±  0.23 0.556

New York Heart Association functional class 2.6  ±  0.6 2.3  ±  0.6 0.013*

Pulmonary vascular resistance, dyn·s·cm–5 692  ±  392† 543  ±  273† 0.001

Compliance, ml·mmHg–1 1.6  ±  0.9 1.9  ±  1.2 0.010

Mixed venous oxygen saturation, % 65.5  ±  9.5 68.8  ±  6.9 0.004

Values presented as mean ± SD. p-values represent statistical significance of a paired t-test (two-tailed) of catheteri-
sation 1 and 2. *Wilcoxon signed rank test. †Note that elsewhere we expres resistance in mmHg·s·ml–1, which should 
be multiplied by 1333 to obtain dyn·s·cm–5.
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Figure 9.3 The RC-time τ measured during the catheterisations 1 and 2. Squares with error bar denote mean ± SD.
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Table 9.4� RC-time τ at catheterisation 1 and 2 in different subgroups

Subgroup τ1 (s) τ2 (s) 95% CI of diff. p | τ1 – τ2 | (s)

All patients (n = 62) 0.61 ± 0.15 0.59 ± 0.16  –0.018; 0.053 0.3203 0.11 ± 0.09

Catheterisation 1 at baseline (n = 28) 0.58 ± 0.16 0.56 ± 0.18  –0.037; 0.076 0.4879 0.12 ± 0.08

Catheterisation 1 during follow-up (n = 34) 0.63 ± 0.15 0.62 ± 0.14  –0.031; 0.064 0.4876 0.10 ± 0.09

IPAH (n = 29) 0.65 ± 0.17 0.64 ± 0.17  –0.034; 0.061 0.5629 0.10 ± 0.08

CTEPH (n = 10) 0.55 ± 0.07 0.51 ± 0.08  –0.046; 0.14 0.2883 0.11 ± 0.06

Values presented as mean ± SD. The 95% confidence intervals (CI) refer to the mean of the paired differences (τ1 
– τ2) and the p-value to the paired Student’s t-test (two-tailed). IPAH = idiopathic pulmonary arterial hypertension; 
CTEPH = chronic thrombo-embolic pulmonary hypertension. 
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Figure 9.4� A: Compliance C versus resistance R at catheterisations 1 and 2. The circles denote catheterisation 1 and 
the arrows point to catheterisation 2. The red line is the hyperbola C = τ/R. Note that most arrows start and end 
in the vicinity of the curve. B: ΔR and ΔC represented as a vector from the origin, indicating the change in R and C 
between catheterisation 1 and 2. Data of two patients was incomplete.

Figure 9.4a relates C and R at the time of catheterisations 1 and 2. An arrow connects data of 
individual patients. Apparently, during the course of the disease, patients follow the hyperbola 
that results from a constant RC-time (cf. Figure 9.1). This is further illustrated in Figure 9.4b 
where the changes in R and C are plotted as vectors from the origin. The majority of the vectors 
end in the top-left or bottom-right quadrants indicating that if R decreases, C increases and 
vice versa. These vectors correspond with a movement tangential to the hyperbola of the left 
panel, whereas vectors in the top-right and bottom-left quadrants correspond to a (somewhat 
paradoxical) perpendicular movement. We conclude that for the population as a whole the 
RC-time does not change between the two catheterisations. 

9.3.3 Hemodynamic changes

Linear regression with changes in cardiac index ΔCI as dependent variable and changes in load 
in terms of ΔR, ΔC and λ yielded the results shown in Table 9.5 and Figure 9.5. The regression 
coefficients are corrected for mathematical coupling. Correction did not significantly affect the 
regression slope nor did it decrease the correlation coefficients. Since correlation coefficients 
can be problematic (e.g. > 1) after correction for mathematical coupling,12 we report the R2 
before correction. Changes in CI are much better explained by ΔC (R2 = 0.67), and even better 
by ΔR and ΔC combined or by λ (R2 = 0.74 and 0.70, respectively) than by ΔR alone (R2 = 0.37, 
Figure 9.5). 
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Figure 9.5� Linear regression with ΔCI as dependent variable and change in resistance ΔR, change in compliance ΔC 
and vector length λ. λ, a combined measure of ΔR and ΔC, best explains changes in CI.

Table 9.5� Results of linear regression with the change in cardiac index (∆CI) as the dependent variable (n = 60)

Regression model βi p R2

β0 + β1∆R β0 0.12 ± 0.13 0.394 0.37

β1 –3.35 ± 1.31 < 0.001

β0 + β1∆C β0 0.10 ± 0.10 0.310 0.67

β1 1.09 ± 0.12 < 0.001

β0 + β1∆R + β2∆C β0 0.01 ± 0.01 0.935 0.74

β1 –1.03 ± 0.08 < 0.001

β2 0.94 ± 0.02 < 0.001

β0 + β1∆R + β2∆C + β3∆R · ∆C β0 0.02 ± 0.09* 0.826 0.74

β1 –1.58 ± 0.38* < 0.001

β2 0.90 ± 0.10* < 0.001

β3 0.41 ± 0.42* 0.335

β0 + β1λ β0 0.04 ± 0.09 0.705 0.70

β1 1.12 ± 0.22 < 0.001

β0 + β1∆Cpred β0 0.03 ± 0.10 0.780 0.66

β1 1.28 ± 0.30 < 0.001

The slopes are reported after correction for mathematical coupling as mean ± SE. R2 is reported uncorrected. C = 
pulmonary arterial compliance; R = pulmonary vascular resistance; λ = length of vector connecting the RC-pairs of 
catheterisations 1 and 2; Δ = value of catheterisation 2 minus value of catheterisation 1. *Not corrected for math-
ematical coupling.

9.4 Discussion
9.4.1 No change in RC-time

We found that the RC-time, the product of pulmonary vascular resistance R and pulmonary 
arterial compliance C, does not change significantly in patients treated for PH. This implies 
that R and C are inversely related, which agrees with our hypothesis (Figure 9.1). This is best 
illustrated in a plot of C versus R, where most of the data is in close vicinity of the hyperbola 
(Figure 9.4a). 

We deliberately introduced heterogeneity in the study in four ways. First, patients with 
many forms of PH were included. Our study covered both the categories (categories 1 and 4) 
of the WHO classification of PH10 that are currently targets of PH-specific treatment. Second, a 
wide variety of treatment regimens (Table 9.2) was included and many patients went through a 
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regimen change during the study period. Thus, we prevented bias for a specific therapy. Third, 
the time between the two catheterisations was not fixed, resulting in a variety of periods (range 
50 to 748 days). Thus, we also prevented bias for a specific duration. Fourth, patients were in-
cluded with either the first of the two catheterisations at baseline (before disease-specific treat-
ment) or at follow-up. Since we did not find significant changes in this heterogeneous group of 
patients nor in more homogeneous subgroups, we conclude that the inverse coupling of R and 
C is a basic phenomenon. Our finding of a nearly constant RC-time during therapy is in line 
with what we and others have found for patients at baseline.7,14,15 

We used the length of the vector (with a sign) that connects the data of the first and the sec-
ond catheterisation (with a positive sign corresponding to a decrease in R) to relate changes in 
the ‘RC-plane’ with cardiac index. This vector length λ accounts for changes in both resistance 
and compliance, and thus comprehensively summarizes a patient’s improvement or decline in 
both steady and pulsatile afterload. For a patient with severe PH in whom R decreases much 
but C changes little, and for a patient with mild PH in whom R decreases little but C increases 
more, a similar value for λ may be found. Since its ability to predict changes in CI is about the 
same as that of the multiple regression model of ΔR and ΔC, λ may be an important clinical 
parameter. 

9.4.2 Hemodynamic consequences

The inverse coupling of R and C has direct and important hemodynamic consequences. In 
mild PH, the decrease in R is accompanied by a substantial increase in C, while in severe PH, the 
increase in C is negligible (Figure 9.1). This may explain the clinical observation that patients 
with mild PH (moderately increased R) often show a greater hemodynamic improvement after 
therapy than patients with severe PH (strongly increased R), even if their R decreases by the 
same amount.16 

If R and C are inversely related, the contribution of C to RV afterload is as important as the 
contribution of R. This is confirmed by the strong correlations of ΔCI with ΔC alone (R2 = 0.67) 
and with ΔR and ΔC combined (R2 = 0.74, Figure 9.5). The strong correlations cannot be ex-
plained by mathematical coupling due to the common measurements on which the dependent 
and independent variable are based. At first sight, it may be surprising that ΔC even better 
predicts changes in CI than ΔR. However, under the assumption of a constant RC-time τ, it can 
be shown that ΔC can be expressed in terms of R and ΔR

 
1 2

Δ ΔC τ R R R      (9.3)

If ΔC is predicted with this formula (thus using R and ΔR only), the same correlation with ΔCI 
is found as in case of the measured ΔC (Figure 9.6). 

CI is one of the few hemodynamic parameters with significant prognostic value17 and also 
one of the few that correlate with functional measures.18 Although λ correlates strongly with 
changes in CI, it should be appreciated that both reflect different things. CI is the result of the 
complex interaction of heart and arterial system. Thus, CI is determined by both the character-
istics of the vascular bed and the heart. If the heart starts failing, the state of the vascular bed 
may be unaltered but CI will decrease. If, on the other hand, the arterial system changes due to 
progression of the disease, the state of the heart may be unaltered but CI will again decrease. In 
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contrast, λ only reflects changes in the vascular bed. Therefore, its clinical relevance resides in 
its specificity for the vascular bed and its apparent ability to describe changes in RV afterload 
better than changes in either R or C. It should be noted that as a consequence λ not necessarily 
reflects changes in the functional status of the patient, since these are the result of an even far 
more complex interaction.

9.4.3 Clinical importance of compliance

Since pulmonary vascular resistance is mainly determined by the small peripheral arteries and 
arterioles and PH most often is caused by small vessel disease, most of the attention has been 
paid to the study of the role of small vessels in PH. Pulmonary arterial compliance, on the other 
hand, is generally believed to be determined by the large vessels and has, consequently, been 
studied to a much lesser extent. However, most PH-patients die from RV failure and, as our 
study shows, compliance strongly contributes to RV afterload. Therefore, our present study sug-
gests that in clinical studies more attention should be paid to changes in arterial compliance.

In the research on ventricular afterload, the contribution of arterial compliance has been 
gaining importance, especially in the study of systemic hypertension.19 Recent studies indicate 
that compliance may be of similar importance in PH. Muthurangu et al.15 assessed pulmonary 
arterial compliance in 17 patients suspected of PH or congenital heart disease using MR-guided 
cardiac catheterisation. Mahapatra et al.,4 in a study with 104 PH-patients, have shown that 
invasively assessed arterial compliance is a strong predictor of survival. Furthermore, Jardim 
et al.20 have shown that noninvasively assessed pulmonary artery distensibility is significantly 
higher in PAH patients responding to an acute vasodilator and Gan et al.21 have shown that 
pulmonary artery stiffness is also a strong predictor of survival. 

Our present study is to our knowledge not only the first to report on the long-term effects of 
disease-specific therapy on pulmonary arterial compliance in PH, but also the first to provide 
a clue as to why pulmonary arterial compliance is a strong predictor of survival. This is best 
illustrated in the plot of C versus R (Figures 9.1 and 9.3). With R and C remaining inversely re-
lated during development of the disease, a patient who is developing PH will start in the upper 
left region of the curve and will move from left to right along the curve (instead of, as is shown, 
from right to left). Then, a small increase in resistance will be accompanied by a substantial 
decrease in compliance. Thus, an inverse relationship implies that loss of pulmonary arterial 
compliance is an early sign of PH. This may explain why compliance is a strong predictor of 
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been corrected for mathematical coupling.
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survival. Furthermore, because measures of pulmonary arterial compliance can be assessed 
noninvasively, this provides a new perspective on screening of patients suspected of PH.

9.4.4 Limitations

In a number of patients wedge pressure data was incomplete. In some patients it was measured 
during an earlier catheterisation than included in the study, in some it could not be measured 
reliably and in a few patients referred to our hospital for treatment right heart catheterisation 
data was incomplete. In the CTEPH-patients, pressure was measured during angiography with 
a catheter other than a balloon-tipped catheter. In all patients, but especially in the patients 
without a reliable or even absent wedge pressure measurement, left sided heart disease was 
excluded by means of an extensive echo and MRI protocol. In case of incomplete data, we as-
sumed that wedge pressure remains constant in time or we assumed a reference value. In either 
case this is a safer assumption (in terms of accuracy of R) than assuming a wedge pressure of 
zero. This allowed inclusion of the wedge pressure in the analyses, but we also carried out our 
analyses by leaving out wedge pressures. Although the numerical values changed, the statistical 
results were similar (same correlations and levels of significance). Therefore, we assume that 
the inaccuracies in the wedge pressure play a minor role in the study. 

C, estimated as the ratio of stroke volume and pulse pressure, is regarded a rather crude 
estimate of arterial compliance.6,22 However, Segers et al.23 and we7 have shown that it, despite 
overestimating compliance, correlates well with other compliance estimation methods. The 
ratio of stroke volume and pulse pressure is attractive for clinical application because it can be 
calculated from standard clinical measurements.

The two estimation methods for τ agreed only moderately (limits of agreement –0.25 and 
0.15 s). Theoretically, the exponential fit would be the preferred method, but it is not very ac-
curate in practice, mainly due to its dependence on the part of diastolic pressure curve that 
is chosen for the fit. Although we optimized circumstances by automating the procedures as 
much as possible, the fit was not optimal in all cases. Therefore, it may be questioned which of 
the two methods is most inaccurate. The simple estimator is the product of two well-validated 
parameters and might even be the most accurate of the two. 

In the definition of λ, the terms under the square root sign are quantities of different physi-
cal dimensions. If one of the terms is thought to contain a weight factor with value equal to 1 
and the correct dimension, this problem is resolved. It must, however, be noted that this factor 
should have a different value when R and C are expressed in other units. Therefore it may be 
better to standardize R and C by a (reference) population mean and standard deviation. The fit 
of CI versus this standardized λ would be decrease slightly (R2 = 0.67). 

9.5 Conclusion

In conclusion, this study shows that pulmonary vascular resistance and compliance remain 
inversely related during therapy for PH. As a consequence, cardiac index improves more when 
a resistance decrease is accompanied by a compliance increase (as in mild PH) than when re-
sistance alone decreases (as in severe PH). Furthermore, an inverse relation implies that early 
in the disease a compliance decrease is larger and more easily observed than a resistance in-
crease.  ■
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Explaining the inverse relationship between 
pulmonary vascular resistance and pulmonary 
arterial compliance: a simulation study

AbstRAct In previous studies, we have found an inverse relationship between pul-
monary vascular resistance and pulmonary arterial compliance. To elu-
cidate the mechanisms by which the pulmonary vascular bed maintains 
this relation, we used a tree model of the pulmonary arterial bed with 
segments that incorporate a resistance and a compliance and we simu-
lated the effect of occlusion of vessels at different levels of the circulation. 
The model parameters were based on the anatomical data published by 
Horsfield together with a diameter-dependent viscosity and assumed val-
ues for the young’s modulus and the ratio of radius and wall thickness. In 
addition, we also applied scaling of segment compliances proportionally 
to the relative change in total resistance induced by an occlusion. This is 
equivalent to assuming a logarithmic pressure-volume relationship for 
each vessel segment. After pressure-dependent scaling, the model yield-
ed realistic changes of compliance. Occlusion of the vascular bed up to 
85% at the orders 5 through 17 (capillary level) resulted at maximum in 
moderate changes of the RC-time τ (range 0.45 to 0.65 s). We conclude 
that the distribution of resistance and compliance across the pulmonary 
arterial bed combined with a pressure-dependent model of compliance 
explains how the inverse relationship between resistance and compliance 
is maintained. ◦

10.1 Introduction

IN PREVIOUS STUDIES, we have found an inverse relationship between pulmonary 
vascular resistance and pulmonary arterial compliance.1,2 It is not clear a priori by which 
mechanism the pulmonary vascular bed maintains this relation. The compliance of the 

pulmonary vascular bed is thought to reside mainly in the large vessels while resistance resides 
in the small arterioles. There is no obvious reason as to why these relatively distant quantities 
interact in the way they do. It is even less obvious how the relationship can be maintained 
during the development of pulmonary hypertension (PH) while vessels are remodeling. Sev-
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eral mechanisms may play a role, concomitantly. Pressure-dependency of pulmonary vascular 
compliance is one of the possible mechanisms. The inverse relation between resistance and 
compliance of the pulmonary vascular bed may also be explained by its recruitment property 
(or, in case of pulmonary vascular disease, its loss of vessels) and the longitudinal distribution 
of resistance and compliance across the pulmonary vascular bed. We hypothesized that the oc-
clusion of arterial branches not only leads to an increase of total pulmonary vascular resistance 
but also to a decrease of total pulmonary arterial compliance. If vessel branches are closed, total 
resistance increases because flow has to distribute across less parallel vessels, while at the same 
time compliance decreases because the contribution of vessels distal from the closed vessels 
do not contribute to total compliance anymore. We figured that for this hypothesis to be true, 
resistance and compliance should be distributed across the pulmonary vascular bed in such a 
way that vessels distal from the closed vessels make a considerable contribution to total resis-
tance and compliance. Therefore we studied a branching tree model of the pulmonary arterial 
vascular bed with varying segment resistances and compliances. Compliance was modeled 
both as being constant and as being pressure-dependent. Occlusion was simulated by decreas-
ing the number of daughters of the vessels of certain generations. 

10.2 Materials and methods
10.2.1 RC-tree simulation model

Model equations
We model the arterial side of the pulmonary vascular bed with an RC-tree model. An example 
with three generations is shown in Figure 10.1a. We analyze the tree model in time-domain 
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Figure 10.1 A: The first three generations of an RC-tree model. B: The three sections that form the basic building 
blocks of the model. The upper section is the entrance of the model. The output y is pressure and the input u is 
flow. The lower section is used as a termination of the model. The middle section is typical for all sections between 
the entrance and the terminating section. Each mother vessel may have more than two daughters. The number 
of daughters of mother k is specified by αk. All parallel sections of a given order k are equal (i.e. same resistance, 
compliance and number of daughters).
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using state-space notation, rather than in frequency-domain which is cumbersome due to the 
branching structure of the model. The model is made up of the three sections shown in Figure 
10.1b. After the entrance section, the model consists of N – 1 generations (orders) with nk mid-
dle sections per order k and it is terminated by nN terminating sections. Because all segments 
of a given order k are equal, pressure will also be equal at all nodes. We consider the pressure at 
the nodes of each order as the state variables of the model and denote it by xk. Pressure y at the 
entrance is regarded as the output of the model, while flow at the entrance is the input u. From 
conservation of mass and Ohm’s law it follows for node k (Figure 10.1b) that 
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with rk and ck the resistance and compliance of the kth segment. The last term is multiplied by 
the number of daughters αk. If we define τij = ricj and τi = rici, this can be rewritten to
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Using a similar reasoning for the entrance and terminating section (Figure 10.1b), the model 
can be summarized in state-space notation 

 u
y u
= +
= +

x Ax B
Cx D

  (10.3)

with the 1

T

Nx x =  x   the state vector and A, B, C and D as defined in Appendix D. For 
a given input flow and given resistances, compliances and mother/daughter ratios, the output 
pressure y of the tree model can be simulated. The simulation results in a value for each state 
variable for each moment in time. From the state variables all remaining quantities (e.g. flows) 
can be derived (see Appendix D).

From segment to order 
For each order a total (or lumped) resistance and compliance can be defined that relates to 
the single-segment resistance and compliance. Owing to tree symmetry, flow divides evenly 
between all parallel segments of an order. Thus

 ( ) ( )k k kF t n f t=  (10.4)

with Fk the total flow through all segments, and fk the flow through rk. If a total order resistance 
Rk is defined as

 1( ) ( )
( )

k k
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F t
− −

=  (10.5)
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it follows that

 k
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r
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n
=  (10.6)

Similarly, if total order volume is defined as k k kV n v=  and total order compliance as 
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k
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=  (10.7)

it follows that 

 k k kC n c=  (10.8)

Total tree resistance
The total resistance of the entire tree can be calculated as follows
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or, equivalently,
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Note that for the total resistance calculation, the compliances can be ignored because they do 
not contribute to mean pressure and flow. 

Occlusion simulation
From equation (10.9) it can be seen that if a certain αk is changed, all order resistances Rj of 
orders j > k will also change. Similarly, the corresponding total order compliances Cj will also 
be affected. Therefore, to simulate occlusion of vessels (or loss of vessels), αk can be reduced. 
Because different mothers of one order k actually have different numbers of daughters αk is not 
necessarily an integer. 

10.2.2 Compliance and resistance distributions

Constant compliance
For a cylindrical vessel segment with radius r compliance reads3,4
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 (10.11)

with E the young’s modulus, r the vessel radius and h the vessel wall thickness. 



141
Explaining the  inverse relationship

Pressure-dependent compliance
If we assume that compliance depends on pressure5-7 and we model the pressure-volume rela-
tionship of a vessel segment with a logarithmic model,8 compliance will be inversely propor-
tional to pressure

 ( )
β

C p
p

   (10.12)

with β a constant.

Resistance
Resistance of a vessel segment directly follows from the law of Poiseuille

 
4

8ηL
R

πr
   (10.13)

with η the viscosity of blood. Because viscosity depends on the vessel segment diameter 
(Fåhraeus-Lindqvist effect) we use the model of Pries et al.9
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with dk the diameter of the segments at order k.

Numerical values
For calculation of compliance of a vessel segment, the ratio of radius and wall thickness r/h, the 
young’s modulus E and the segment volume V should be known. The parameters r/h  and E are 
difficult to measure, particularly for small, muscularized vessels.10 Because different studies do 
not fully agree,4 we have to rely in part on assumptions. For the anatomical description of the 
pulmonary arterial bed we use the data of Horsfield11 (Table 10.1). 

10.2.3 Simulations

We implemented the model in MATLAB 7.0, r14 (The MathWorks, Natick, MA, USA). A triangu-
lar flow12 was used as input to the model. Peak flow was positioned at one third of ejection and 
end of ejection at one third of the heart period. Stroke volume was set to 80 ml and heart rate to 
70 bpm. A small sample period of 1∙10–5 s was chosen, because stability of the simulation model 
turned out to be critically dependent on the sample period and multiple cardiac cycles (> 10) 
were simulated in order to obtain a stable, truly periodic pressure signal. To determine the RC-
time of the system under varying circumstances (i.e. occlusion), we also simulated the impulse 
response of the system. The impulse response is dominated by a mono-exponential pressure 
decay that is identical to the diastolic decay caused by a normal flow. The time-constant of the 
decay was determined from the slope of the log-transformed impulse response. To simulate 
occlusion, we adjusted αk for order k in the range 5 to 17 (capillary level) by multiplying it with 
a factor ranging from 0.15 to 1. 

We simulated occlusion both with constant and with pressure-dependent compliances. To 
prevent the simulation model from becoming nonlinear, we implemented pressure-depend-
ence by assuming it to be equal to its average value for a given average pressure. Since average 
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pressure is proportional to total resistance and cardiac output is kept constant throughout, 
changes in average pressure are proportional to changes in total resistance. Total resistance 
can be calculated beforehand using equation (10.9), and therefore all segment compliances 
can be reduced beforehand with the same factor as total resistance increases. If, for example, 
an occlusion of 85% of the daughters of order 5 leads to an increase in resistance by a factor 
eleven, all segment compliances should also be reduced by a factor eleven. Note, however, that 
the overall scaling of segment compliances does not translate in a proportional scaling of total 
compliance. 

10.3 Results
10.3.1 General results

An example of a pressure simulated with the RC-tree model of the pulmonary arterial bed is 
shown in Figure 10.2 and the distribution of mean and pulsatile flow and pressure as a func-
tion of vessel order in Figure 10.3 (b and c). Figure 10.3 also shows the distribution of compli-
ance and resistance as a function of vessel order (upper panel). The arterial model appears to 
be dominated by a single time constant and therefore it has the same input impedance as a 
two-element windkessel model (only one resistance and one compliance). Calculation of pres-
sure from the triangular input flow with a two-element windkessel model yielded an identical 
pressure waveform. As a consequence, the diastolic decay of the pressure waveform is a purely 

Table 10.1 Geometry resistance and compliance of vessel segments used in the simulation model

k αk
dk

*

(cm)
L*

(cm) r/h† rk
‡

(mmHg·s·ml–1)
ck

§

(ml·mmHg–1)

1 3.00 3.00·100 9.05·100 20 1.09·10–4 1.38·100

2 2.67 1.48·100 3.20·100 20 6.46·10–4 1.19·10–1

3 2.50 8.06·10–1 1.09·100 20 2.52·10–3 1.20·10–2

4 3.30 5.82·10–1 2.07·100 20 1.76·10–2 1.18·10–2

5 3.08 3.65·10–1 1.79·100 30 9.84·10–2 5.90·10–3

6 3.33 2.09·10–1 1.05·100 30 5.37·10–1 1.13·10–3

7 3.39 1.33·10–1 6.60·10–1 35 2.06·100 3.35·10–4

8 2.65 8.50·10–2 4.69·10–1 35 8.77·100 9.72·10–5

9 3.10 5.25·10–2 3.16·10–1 35 4.06·101 2.50·10–5

10 3.09 3.51·10–2 2.10·10–1 35 1.35·102 7.42·10–6

11 3.10 2.24·10–2 1.38·10–1 35 5.35·102 1.99·10–6

12 3.15 1.38·10–2 9.10·10–2 35 2.45·103 4.97·10–7

13 3.15 8.60·10–3 6.50·10–2 35 1.16·104 1.38·10–7

14 3.15 5.40·10–3 4.40·10–2 20 5.05·104 2.17·10–8

15 3.60 3.40·10–3 2.90·10–2 20 2.12·105 5.66·10–9

16 3.60 2.10·10–3 2.00·10–2 20 1.00·106 1.49·10–9

17 0.32 1.30·10–3 1.30·10–2 30 4.44·106 5.44·10–10

18 1.44·106

*Horsfield,11 †Lucas4 and Semmens.29 Calculated with viscosity corrected for the Fåhraeus-Lindqvist effect. §Calcu-
lated with Young’s modulus E = 1.0 ∙ 106 dyn ∙ cm–2 (Lucas4 and Li and Cheng18).
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mono-exponential decay with the same time constant (i.e. the RC-time) as the dominating 
time constant of the impulse response. Hence, the RC-time can be estimated from the impulse 
response. 

Because the calculation of segment compliance relies heavily on assumed properties of the 
vessel wall, we tested how sensitive the resulting total compliance is for errors in E and r/h. A 
factor five increase in E resulted in only a marginal change of total compliance (about 0.04 ml/
mmHg), but a factor two decrease in r/h resulted in a decrease of about 50% of total compli-
ance. The default total resistance of the model is 0.18 mmHg·s/ml and its total compliance is 
3.5 mmHg/ml. An RC -time of 0.63 s is the result. Note that these are plausible values for the 
pulmonary circulation (see Lankhaar et al.1 where τ = 0.75 s was found, and Lankhaar et al.2 
where τ = 0.60 s was found).
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10.3.2 Simulation of occlusion

The results of occlusion of the orders 5 through 17 by stepwise reduction of the amount of 
daughters to 15% of the default value in the presence of constant segment compliances are 
shown in Figure 10.4 (left panel). Large volume changes (up to 20%) occur when the larger ves-
sels are occluded, but the corresponding resistance change is comparable to when only smaller 
vessels are occluded. Although the amount of occlusion increases evenly, resistance clearly 
does not. It does not increase much until the major part (85%) of the arterial bed is closed. The 
change of resistance is within the expected range (see Lankhaar et al.1 where R ranges from 
about 0.20 to 1.0). In contrast with resistance, compliance does decrease evenly for occlusion 
of larger vessels and it increases slightly if smaller vessels are occluded. The decrease in compli-
ance is unrealistically small and therefore also the RC-time shows unrealistically large varia-
tions. Simulation of occlusion in the presence of pressure-dependent segment compliances 
is shown in Figure 10.4 (right panel). Total compliance now reduces more realistically and, 
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consequently, τ varies much less. Figure 10.5 relates the simulated compliance to resistance. 
Simulation with a constant compliance (left panel) yields unrealistic results, while simulation 
with a pressure-dependent compliance show quantitatively very similar characteristics as the 
experimental data obtained in our previous studies.1,2

10.4 Discussion
10.4.1 General discussion

In this study, we have used a branching tree simulation model to study the influence of occlu-
sion of vessels in the pulmonary arterial bed on the relationship between pulmonary vascular 
resistance and pulmonary arterial compliance. The model comprised 17 generations of vessel 
and compliance and resistance of the vessel segments varied over the generations. The resis-
tance and compliance distribution were based on anatomical data described by Horsfield.11 We 
simulated occlusion of the vascular bed at different generations in incrementing amounts (up 
to 85% of the vessels). Simulations were done both with constant vessel compliances and with 
pressure-dependent compliances. Our results show that the inverse relationship between pul-
monary vascular resistance and total pulmonary arterial compliance that we have found previ-
ously1,2 can be explained by the distribution of resistance and compliance across the pulmonary 
vascular bed in combination with a pressure-dependent compliance. 

We hypothesized that the longitudinal distribution of resistance and compliance across the 
pulmonary vascular bed would be such that occlusion of a part of the vascular bed would 
not only result in an increase in resistance but also to a decrease in compliance. The actual 
longitudinal distribution of compliance (Figure 10.3, upper panel), however, shows that most 
of the compliance of the arterial bed resides in the main pulmonary artery and its low-order 
descendents. 

It has been argued that although pulmonary capillaries have a very low compliance, their dif-
ferent transmural pressure (as compared to transmural pressure of other vessels) may explain 
an ‘apparent’ high compliance. However, even in case of a large compliance at order 17 (i.e. the 
capillaries), it is not obvious that it will affect the dominating time constant of the pulmonary 
arterial bed because there is a large resistance in the orders < 17. Then the time constant would 
be too large to be noticeable within a single heart period. 

Our simulations show that the inverse relationship (and therefore a more or less constant 
RC-time) cannot be confirmed directly from occlusion alone, but if also pressure-dependency 
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of the compliance is taken into account it can. Thus, our results suggest that both pressure-
dependence of compliance and the distribution of compliance and resistance should be taken 
into account to explain the interaction between pulmonary vascular resistance and pulmo-
nary arterial compliance. Note that for the aorta often another pressure-volume relation is as-
sumed,8,13,14 but it has been acknowledged that the pressure-volume relation of the pulmonary 
artery is different from that of the aorta.15 In addition, we have shown that the pressure-de-
pendent compliance as used in this study agrees well with estimations from diastolic pressure 
decay in the pulmonary artery (Appendix E).

10.4.2 The RC-tree model

At first sight, it may seem surprising that occlusion at a lower order hardly leads to a larger in-
crease in resistance than at a higher order (Figure 10.4), while an occlusion in the lower order 
turns off a larger part of the tree. This can be readily explained by the resistance distribution 
(Figure 10.3, upper panel). Although an occlusion at, for example, order 5 decreases total tree 
volume more than an occlusion at order 17, the resistance increase will only marginally larger 
because most resistance resides in the highest orders. 

We simulated occlusion at a wide range of orders. Occlusion can be a passive and an active 
process. An example of passive occlusion is thromboembolic disease or, in health and disease, 
collapse of vessels. Active occlusion may take place in case of hypoxic vasoconstriction or 
dysregulation of mechanisms that balance vascular tone.16 For active occlusion or opening, 
arteries must be muscular. According to Reid arteries between 30 and 120 µm are (partly) 
muscular17 (as cited by 4), which corresponds to orders 12 through 15 (Table 10.1). We have 
simulated a broader range of vessels in order to also cover occlusion due to diseases such as 
chronic thromboembolic pulmonary hyptertension. 

The RC-tree model is a distributed model in that it does not lump all resistance and compli-
ances together. Several comparable or more advanced branching models for the pulmonary 
vascular bed have been proposed.4,18-21 None of these incorporates the concept of sheet flow22 
that is typical for the pulmonary capillary blood flow. The capillary blood vessels are so short 
and closely knit that it is more accurate to view blood flow as a sheet than as a network of paral-
lel conduits.23 In addition, the pressure-volume relationship of this alveolar sheet differs from 
the surrounding arterioles and venules due to the different transmural pressure that depends 
on intra-alveolar pressure. Finally, the law of Poiseuille does not hold right away because of 
the sheet geometry. This lack of describing sheet flow might also be an important lack of the 
RC-model used in this study. The sheet concept may imply a high apparent compliance18 and a 
resistance different from what is predicted by the law of Poiseuille. Viewed from the main pul-
monary artery, it might, on the other hand, not be such a great lack because most of the effect 
might be hidden by the large pre-capillary resistance.

Owing to symmetry, the RC-model can be used to simulate both on the level of the indi-
vidual segment and on the level of the total order. In the latter case, all parallel, instantaneous 
segmental flows are added (see Equation (10.4)) to form a total instantaneous flow through 
the order. Actually the RC-tree then can also be pictured as an RC-ladder network with N RC-
sections (with order values Rk and Ck instead of segmental values rk and ck) connected in series. 
It can be readily shown that identical state-space matrices can be used with the αk = 1 for all k 
and τ the product of the corresponding total order resistance and compliance.
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10.4.3 Clinical utility of the model

To our knowledge, no modelling studies exist on the occlusion and recruitment taking place at 
different orders of the pulmonary arterial bed. Using the anatomical data published by Hors-
field11 and assuming a pressure-dependent compliance, we have shown that occlusion and re-
cruitment of vessels at various levels of the arterial bed has little influence on the RC-time τ 
even in case of large volume variations (up to 20%) and an even larger amount of occlusion 
(85%) of the pulmonary arterial bed. Though slightly smaller, the variations found in the simu-
lations are in agreement with that found in our previous studies.1,2 In these studies, we have 
shown that little variation in τ during development of pulmonary vascular disease or during 
therapy for pulmonary vascular disease is unfavourable for both the steady and the pulsatile 
afterload of the right ventricle. Although they should be further validated in future studies, 
our results provide insight in the hemodynamic consequences of loss or recruitment of vessels. 
The changes in resistance especially show that resistance does not increase much unless a large 
majority of the pulmonary arterial bed is occluded. 

The RC-tree model (and its ladder counterpart) bears some resemble with the models used 
for estimation of pulmonary capillary pressure from venous or arterial occlusion.24,25 Bacon-
nier et al.26 in particular have developed a model that describes the pulmonary pressure decay 
after arterial or venous occlusion with a model with two time-constants (a rapid and a slow 
decay). This method of estimating a distal pressure in the pulmonary arterial bed is used to 
predict whether a patient with chronic thromboembolic pulmonary hypertension is eligible 
for pulmonary thromboendarterectomy.27 

10.4.4 Limitations

The results of the study critically depend on compliance but at the same time this parameter 
has greatest uncertainty. Segment compliance is especially sensitive to inaccuracies in the ratio 
of radius and wall thickness. In addition, only data of a single subject11 is used. However, only 
relatively few studies have investigated the geometry of the pulmonary vascular bed in such 
detail. We also estimated segment compliance using the Peterson’s pressure-strain modulus28 

2 pC V E= . with a pressure-strain modulus Ep = 120 mmHg,28 we found a somewhat lower 
compliance similar (difference about 0.2 ml/mmHg) with a similar distribution. Therefore, it 
is not very likely that compliance is much too large or much too low.

We did not include an inertia term in the vessel segment model. Since, inertia is a dynamic 
element in models like this, it will definitely have some influence on the time constants of the 
system. To reduce complexity of the model, we assumed the inertial effects to be small enough 
to be neglected. Neither did we derive an analytic relation for the calculation of total arterial 
compliance although the similarity between the model output and the output of a two-element 
Windkessel model seems to suggest there is such a relationship. Our simulation model is a 
model of acute occlusion. Remodelling of vessels due to sustained elevated pressure should be 
the subject of future studies.

10.5 Conclusion

Using a branching tree simulation model, this study shows that the inverse relationship be-
tween resistance and compliance of the pulmonary vascular bed can be explained by a combi-
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nation of pressure-dependent compliance of the pulmonary arteries in combination with the 
distribution of compliance and resistance throughout the pulmonary arterial bed. Occlusion 
of the vascular bed, only moderately affects the RC-time. ■
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11.1 Introduction

KNOWLEDGE on diagnosis and treatment of pulmonary hypertension (PH) has greatly 
improved during the last decade, but the disease still confronts clinicians with many 
challenges. The functional assessment of the pulmonary vascular bed in particular is 

difficult, because parameters that accurately describe its status are lacking. This hampers both 
diagnosis and treatment monitoring. The research described in this thesis aimed at assessing 
to what extent additional clinically relevant information is obtained when different hemody-
namic measurements are combined using a mathematical model. Since our focus was on clini-
cal application, we limited ourselves as much as possible to standard clinical measurements. 
In this concluding chapter, we review the most important results and seek to place them in 
context. Furthermore, we present some new hypotheses that may initiate further research.

11.2 Measurement accuracy

A model-based approach may demand a higher measurement accuracy for the signals than 
is presently the case. In this thesis, we mainly focused on measurements of pulmonary artery 
pressure and flow. 

For accurate measurement of an arterial pressure waveform, high-fidelity catheter-tip ma-
nometers are preferred, but in clinical practice, pulmonary artery pressure is still most often 
measured with fluid-filled catheters. The drawbacks of fluid-filled catheters have long been 
recognized.1-3 This technique results in excessively smooth pressure signals in case of over-
damping or resonance artefacts in case of underdamping. In literature, much attention has 
been paid to prevention of signal distortion due to the catheter transfer, but relatively little 
attention has been to removal of underdamping artefacts in retrospect. In Chapter 3, we pre-
sented a fully-automatic post-processing method for the correction of underdamping arte-
facts in blood pressure waveforms. Using simulations, we showed that the correction method, 
which is based on a Kalman filter, improves a distorted blood pressure signal to adequate levels 
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of accuracy over a wide range of damping characteristics, but especially in the clinically most 
common range. Using coronary artery pressures simultaneously measured with a fluid-filled 
and a catheter-tip manometer (as reference) during coronary angiography, we show that after 
correction, the root mean square error reduces from 2.4 ± 0.9 to 1.8 ± 0.7 mmHg (p < 0.01). 
In addition, we applied the method to 100 pulmonary artery pressures recorded digitally dur-
ing right-heart catheterization, pulmonary angiography or vasodilator reactivity testing. In 85 
cases (85%), fully-automatic correction was satisfactory; in the remaining cases, correction was 
satisfactory after manual adjustment of the parameters of the correction method. Comparison 
of the corrected and the uncorrected pressures showed that after correction, systolic pressure 
reduces (median 2.0%), diastolic pressure increases (median 6.5%) and pulse pressure also 
reduces (median 8.3%). 

Flow can be measured with mr phase-contrast velocity quantification, which results in a cine 
of the main pulmonary artery cross-section of a single (average) heart beat.4 The grey value of 
the pixels in the phase images of the cine is proportional to the velocity perpendicular to the 
image plane. Volumetric flow can be calculated by multiplying the average velocity within the 
pulmonary artery cross-section with its area. Thus, volumetric flow can be measured without 
the assumption of a velocity profile (e.g. a parabolic profile). A drawback of the method is that 
it may suffer from phase offset errors that cause bias in the velocity.4,5 In Chapter 4, we validated 
an existing method for the correction of phase-offset errors for application to the main pul-
monary artery flow. The method estimates the velocity bias from stationary tissue surrounding 
the vessel and uses a linear model to interpolate the estimate for the entire image. Its variation 
in time determines whether a pixel should be regarded stationary or non-stationary. Using 
the flow measured in the main pulmonary artery of 15 subjects and the measured velocity in a 
stationary phantom as a reference, the correction method reduced the phase offset error from 
1.1 to 0.35 cm/s (RMS), equivalent with a reduction from 11% tot 3.3% of mean flow. Phase error 
correction strongly affected stroke volume (range –11 to 26%). 

11.3 Circulatory modelling

A mathematical model should meet several requirements to be applicable to a clinical purpose. 
Among other things, a model should be as simple as possible, it should have identifiable pa-
rameters and its parameters and structure should be easily and unambiguously interpretable. 
In Chapter 5 and Chapter 6, we discussed a number of mathematical models that may fulfill 
these requirements.

Chapter 5 focused on the balance between accuracy and simplicity of models that describe 
the instantaneous pressure-volume (PV) relationship in the left ventricle (e.g. a time-varying 
elastance model).6 Such a model can be of great use in the study on the heart’s ability to gener-
ate flow and the interaction between contractility and loading conditions. The left ventricular 
PV-relations have been shown to be nonlinear,7,8 but it is unknown whether the generally used 
linear model is still accurate enough for simulations. Six models were fitted to the PV-data mea-
sured in five sheep and the estimated parameters were used to simulate PV-loops. Simulated 
and measured PV-loops were compared with the Akaike information criterion (AIC) and the 
Hamming distance, a measure for geometric shape similarity. Overall, a linear model indeed 
appeared to be the best model (lowest AIC). If only the shape of the PV-loops is important, all 
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models perform nearly identically (Hamming distance between 20 and 23%). Thus, for realis-
tic simulation of the instantaneous PV-relation, a linear model suffices. It should, however, be 
noted that because the models are developed for the PV-relation of the left ventricle, they are 
not necessarily directly applicable to the right ventricle. The geometrical differences between 
the left and right ventricle may particularly translate into different instantaneous PV-relations. 
Future studies should elucidate this.

In Chapter 6, an overview was given of the arterial Windkessel model and its applications. 
Otto Frank described the arterial system in terms of resistance and compliance.9 This model 
explained aortic pressure decay in diastole, but fell short in systole. Therefore characteristic im-
pedance was introduced as a third element of the Windkessel model.10 Characteristic imped-
ance links the lumped Windkessel to transmission phenomena (e.g. wave travel). Windkessels 
are used as hydraulic load for isolated hearts and in studies of the entire circulation. They are 
used to estimate total arterial compliance from pressure and flow. Several of these methods 
were reviewed. Windkessels describe the general features of the input impedance, with physi-
ologically interpretable parameters. Since it is a lumped model, a Windkessel is not suitable for 
the assessment of spatially distributed phenomena and aspects of wave travel, but it is a simple 
and fairly accurate approximation of ventricular afterload.

11.4 Hemodynamics of pulmonary hypertension

Chapter 7 gave an overview of the possibilities of magnetic resonance imaging (MRI) and nu-
clear imaging of the right ventricle (RV) in pulmonary arterial hypertension. Many clinicians 
have recognized the unique possibilities of MRI for the study of RV anatomy. For the assessment 
of the RV in pulmonary hypertension, MRI has been proven to be of special clinical importance. 
It is, however, less well-known that if MRI measures of volume and flow are combined with 
pressure measurements, accurate description of RV function in relation to its afterload is pos-
sible. Furthermore, nuclear imaging techniques offer the opportunity to study the altered RV 
metabolism and to elucidate the possible contribution of ischaemia to RV failure in pulmonary 
hypertension. Since RV failure in pulmonary hypertension is the result of the complex interac-
tion between geometry, structure, function, perfusion, and metabolism, MRI and nuclear imag-
ing are promising techniques to study these phenomena and to evaluate the effects of therapy 
aimed at improving RV function in pulmonary hypertension.

In the study of Chapter 8, pulmonary artery pressure measured by right-heart catheteriza-
tion and flow by MRI were combined with a three-element Windkessel model of the pulmonary 
vascular bed. Commonly, RV afterload is defined as pulmonary vascular resistance, but this 
does not reflect the afterload to pulsatile flow. The purpose of the study was to quantify RV 
afterload more completely in patients with and without PH using a three-element windkessel 
model. We estimated the windkessel parameters in patients with chronic thromboembolic PH 
(CTEPH; n = 10) and idiopathic pulmonary arterial hypertension (IPAH; n = 9). Patients sus-
pected of PH but in whom PH was not found served as controls (NONPH; n = 10). Peripheral 
resistance R and characteristic impedance Z were significantly lower and compliance C signifi-
cantly higher in the NONPH group than in both the CTEPH and IPAH groups (p < 0.001). R and Z 
were significantly lower in the CTEPH group than in the IPAH group (p < 0.05). Remarkably, the 
parameters R (in mmHg·s/ml) and C (in ml/mmHg) of all patients obeyed the relationship C = 
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0.75/R (R2 = 0.77), which is equivalent to a similar RC-time in all patients. Mean pulmonary ar-
tery pressure P and C fitted well to C = 69.7/P (i.e., similar pressure dependence in all patients). 
Our results show that differences in RV afterload among groups with different forms of PH can 
be quantified with a windkessel model. Furthermore, the data suggest that the RC-time and the 
elastic properties of the large pulmonary arteries remain unchanged in PH. 

The serendipitous finding of a similar RC-time in all patients, led us to hypothesize that if 
the RC-time remains the same during therapy for PH, it might have important hemodynamic 
consequences. A constant RC-time implies that R and C are inversely related. As a conse-
quence, if R is small a small increase in R will be accompanied by a large decrease of C. On the 
other hand, if R is large, a considerable change of R will be accompanied by only a small change 
in C. In Chapter 9, a study was presented to investigate this hypothesis. Data was analysed of 
two right heart catheterizations of 52 patients with pulmonary arterial hypertension and 10 
with chronic-thromboembolic PH. The product of R and C (estimated by the ratio of stroke 
volume and pulse pressure) did not change during therapy (p = 0.320), implying an inverse 
relationship. Changes in cardiac index correlated significantly (p < 0.001) with changes in R 
(R2 = 0.37), better with changes in C (R2 = 0.66) and best with changes in both (R2 = 0.74). We 
concluded that during therapy for PH, R and C remain inversely related. Therefore, changes in 
both R and C better explain changes in cardiac index than either of them alone. 

11.5 Inverse relation between resistance and compliance
11.5.1 Variation

A hyperbolic relationship between R and C implies that their product, the RC-time τ, is con-
stant. Indeed, on average we have found that the RC-time does not significantly differ between 
different, untreated patient groups (Chapter 8) and that RC-time does not significantly change 
during therapy (Chapter 9). We did, however, find considerable intra- and interindividual vari-
ation (on average 19% individual variation). yet, this does not deny the existence of an (inverse) 
relationship between R and C. Even in case of variation in τ, it is clear that R and C are inversely 
related albeit perhaps not strictly hyperbolic. This can be seen from a plot of C versus R (Figure 
8.4), in which R and C are always within a relatively narrow band around the hyperbola, and it 
also follows from the fact that the change in C can very well be predicted from the change in R 
(Figure 8.6). In addition, R and C vary almost always in reverse directions. Strictly speaking, it 
is therefore more accurate to refer to an inverse relation between R and C instead of a constant 
RC-time. 

11.5.2 Uniqueness

We have not investigated whether this inverse relation is a unique property of the pulmonary 
circulation or whether it also holds for the systemic circulation. There are several relevant 
differences between the pulmonary and the systemic circulation. The pulmonary circulation 
exhibits a uniquely tight linear relationship between systolic, mean and diastolic pressure.11-13 
Such a relationship does not hold for the systemic circulation. In addition, the pulmonary cir-
culation has shorter and more distensible vessels, its vessels show a relatively uniform branch-
ing pattern and a relatively uniform afterload because the only organs perfused are the lungs. 
The systemic circulation, in contrast, exhibits more heterogeneity both in architecture and in 
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function. It perfuses many different organs with large variations in demand and it has a num-
ber of regulatory mechanisms (e.g. cerebral autoregulation) that interact with each other. 

We do not know whether the inverse relationship between pulmonary vascular resistance 
and compliance is directly related to the linear relationship between systolic, mean and dia-
stolic pulmonary artery pressure, but this is likely. In Chapter 9 we have derived a simple esti-
mator for the RC-time τ

 w
p p
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    (11.1) 

with T the heart period, p mean pulmonary artery pressure, PP pulse pressure and pw the pul-
monary capillary wedge pressure. This can be rewritten to
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with ps and pd systolic and diastolic pulmonary artery pressure. Except pw all variables at the 
right hand side of this equation are in a fixed relationship to each other (ps and pd can both be 
written12 as a function of p ). It is therefore likely that the right hand side will not vary much 
and therefore also the left hand side will not vary much. Note that all relations found in Chap-
ter 8 and Chapter 9 are measured in supine rest. Therefore variation of T will be limited and 
thus the variation in τ also. 

11.5.3 Mechanism

It is not a priori clear by which mechanism the pulmonary vascular bed maintains the in-
verse relation between its compliance and resistance. Chapter 10 focused on elucidating the 
mechanisms. We used a simulation model of the pulmonary arterial bed with a branching tree 
structure. The model parameters were based on published anatomical data and an assumed 
diameter-dependent viscosity and assumed values for the young’s modulus and the ratio of 
radius and wall thickness. Both a constant and a pressure-dependent compliance were simu-
lated. Using the pressure-dependent scaling, the model yielded realistic changes of compliance 
while simulations with the constant compliance resulted in too small compliance changes. 
Occlusion of the vascular bed up to 85% at the orders 5 through 17 (capillary level) resulted at 
maximum in moderate changes of the RC-time τ (range 0.45 to 0.65 s). Thus the distribution 
of resistance and compliance across the pulmonary arterial bed combined with a pressure-
dependent model of compliance explains how the inverse relationship between resistance and 
compliance is maintained. 

11.5.4 Clinical consequences

As we have pointed out in Chapter 9, a clinical consequence of an inverse relation between 
resistance and compliance is that in a patient who is developing PH, considerable loss of com-
pliance precedes a considerable increase of resistance. Thus, both steady and pulsatile afterload 
will increase. A patient who has already developed severe PH will have double disadvantage 
because a large decrease in resistance would be required to gain some increase in compliance, 
while a patient with mild PH will gain both resistance and compliance and therefore have dou-
ble advantage. 
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11.5.5 Possible clinical applications

The inverse relation between resistance and compliance provides additional knowledge about 
the circulation in a patient. This knowledge may be used in several clinical applications:

Noninvasive estimation of pulmonary artery pressure.  ■ If compliance, or a related parameter, 
can be obtained noninvasively, the inverse relation between resistance and compliance can 
be used to obtain an estimate of resistance. Using pulmonary artery flow measured with MRI 
or echocardiography, the pressure could then be estimated noninvasively from flow. 
Assessment of the vascular bed with an ‘acute’ λ.  ■ In Chapter 9, we have introduced the param-
eter λ, which is the length of the arrow that connects to points in the ‘RC-plane’. We have 
shown that λ correlates strongly to cardiac index but that it is pure vascular parameter. If a 
vasodilatory test is performed during a right-heart catheterization, two points in the ‘RC-
plane’ are available. By connecting these, an acute value for λ can be obtained. Because λ 
is a vascular parameter, it might be a valuable parameter for assessment of the state of the 
pulmonary vascular bed and it might even be a prognostic parameter. 
Compliance as an early marker of disease.  ■ At low resistances, small changes of resistance will 
be accompanied by large changes of compliance (see Section 11.4). Therefore compliance 
may be a more sensitive marker of vascular changes in the early phase of the disease. When 
changes in resistance are still hardly measurable, compliance will show large changes. There-
fore, compliance may be a useful parameter for screening on PH. In addition, it is an attrac-
tive parameter for clinical practice because compliance or compliance-related parameters 
can be measured noninvasively. Indeed, recent studies have shown that compliance or a re-
lated parameter is a strong prognostic factor and that it can be obtained noninvasively.14-16 
Wedge pressure estimation.  ■ Wedge pressure is an important parameter that is difficult to 
measure. If Equation (11.1) is rewritten, 

 
w

τ
p p PP

T
     (11.3)

wedge pressure can be expressed in quantities that are easily measurable. Note that if a 
pulmonary artery pressure waveform of sufficient quality is available, τ can be estimated 
from the diastolic decay. If no pressure waveform is available, a value of τ = 0.6 s can be as-
sumed.

11.6 Conclusion

The research in this thesis aimed at assessing to what extent additional clinically applicable 
information is obtained when different hemodynamic measurements are combined using a 
mathematical model. We could not show a direct diagnostic advantage of a model-based ap-
proach, but we did show that a model-based approach provides important insight in the pul-
monary hemodynamics and thereby helps to explain findings in patients with PH. ■
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A.1 Kalman filter augmented with unknown input

IF THE CATHETER SySTEM is modeled as a damped harmonic oscillator, it can be de-
scribed by the following second-order differential equation 
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with the input signal u the true intra-arterial pressure, the output signal y the pressure actu-
ally measured at the transducer membrane, ζ the damping coefficient and ωn the resonance 
frequency (ωn = 2πfn). In state-space representation,1 equation (A.1) can be written as 
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with ( ) ( )
T

t y t dy dt =  x and self-explaining definitions for matrices A, B and C. After con-
version to discrete-time,2 the system reads
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The multi-model Kalman filter
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and t the sample period. (The matrix exponential is calculated with the expm command of 
MATLAB.) Since the input uk is not known, we assume that it can be modeled as a random-walk 
process3

 1k k ku u v−= +  (A.5)

with vk zero-mean, white noise with variance Q. Subsequently, we augment the state vector4 
with the unknown input signal (i.e. * [ ]T T

k k ku=x x ) and also include a measurement noise 
term

 * * *

1 1

* *

Γk k k

k k k

v

y w

  

 

x F x

H x

 (A.6)

with 

 *

*

1

0

Γ 0 0 1
T

 
  
 
   

   

F G
F
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H H

 (A.7)

and wk zero-mean, white measurement noise with variance R. For convenience, we drop the as-
terisks from the matrices. For each moment k, the Kalman filter equations provide a recursive 
optimal estimate (i.e. optimal in a least-squares sense) of the state and its variance:2 
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 (A.8)

We use 0 1y=x I  and 0 0− =P as initial values.

A.2 Multi-model estimator

If ωn and ζ of Equation (A.1) are unknown, it is possible to estimate them by running a great 
number of Kalman filters in parallel. For each possible combination of ωn and ζ a filter is 
run. Using Bayesian probability theory, a final and refined state estimate can be obtained by 
combining the state estimates of all filters.2 If we denote a single combination of ωn and ζ by 

,
( , )j n j jθ ω ζ  , then it can be shown2,4 that the conditional probability density function of yk at 
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time k can be approximated by

  
2
, ,2

,

pdf |
k j k jr S

k j

k j

e
y θ

πS






  (A.9)

with rk, j and Sk, j the corresponding quantities as defined in (A.8) for the jth filter. This expres-
sion can be used to estimate the conditional probability of θj in the following recursive expres-
sion2,4
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  (A.10)

with N the total number of parameter sets. Now the probability of each candidate model with 
corresponding parameter set θj is available, the true parameters set can be estimated by a 
weighted average of the parameter sets

  
1

ˆ Pr |
N

k j k j
j

θ θ y θ


   (A.11)

Note that for each sample yk the filter returns an estimate of the parameter set. After a sufficient 
number of samples, ˆ

k
θ   will converge to the true parameter set θ. In a similar way, an estimate 

of the true state can be obtained

   ,
1

ˆ ˆPr |
N

k j k k j
j

θ y


x x   (A.5)

with ,ˆ k jx the state estimate with candidate model j.

A.3 Estimation of variances Q and R

Since the input signal and its variance Q and the measurement noise R are unknown, we have 
to estimate Q and R. We assume that low-frequency components dominate the true input pres-
sure,5 thus for estimation of Q we concentrate on the low-frequency components. For estima-
tion of R, on the other hand, we assume that noise mainly resides in the higher frequencies. 
This assumption is reasonable, because R reflects measurement noise of an electronic trans-
ducer. 

We approximate the input u by low-pass filtering y. If we denote this approximation by u    
and substitute it in (A.5) we can write 

 1k k kv u u −= −   (A.13)

Hence, Q can be estimated by

 ( )22
1k k kQ E v E u u −

  = = −   
   (A.14)

For calculation of u  we use a tenth-order low-pass Butterworth filter (fifth-order forward and 
backward in time) with a cut-off frequency of two times the heart rate. 



162
Appendix A

We assume that the measurement error of the transducer is dominated by high-frequent noise. 
The variance R, then, can be estimated from the variance of y after application of a high-pass 
filter. To this end, we use a tenth-order high-pass Butterworth filter (fifth-order forward and 
backward in time) with a cut-off frequency of fifteen times the heart rate. 

A.4 Off-line forward/backward filtering

For offline applications, the estimation of θ and the actual unknown input reconstruction can 
be separated, so that all samples of the input signal can be reconstructed with the final estimate 
to which the filter converged. Furthermore, the reconstruction step can be taken both forward 
and backward in time. Phase distortion can then by prevented by averaging the corresponding 
forward and backward samples. 

A.5 Detrending

Before filtering, low-frequency trends (e.g. due to breathing) are removed by filtering with a 
tenth-order low-pass Butterworth filter (fifth order forward and backward in time to prevent 
phase distortion) and a cut-off frequency of 0.75 times the heart rate. After filtering, the trend 
is added to the signal again. 

A.6 Estimation of heart rate

For estimation of the heart rate, we use the first peak of the first derivative in the pressure signal 
as a fiducial point.6 Because numerical differentiation amplifies noise, we make the method 
more robust by applying a sixth-order low-pass Butterworth filter (third-order forward and 
backward in time).  ■
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Automatic corner point identification

THE FOLLOWING ALGORITHM can be used for the detection of the corner points 
of the pressure-volume loops. The width w, height h and the center of the circumscrib-
ing rectangle of the loop are determined. Subsequently, the distance of each point of a 

given segment of the loop (e.g. the upper left part for the upper left corner) to the center of the 
rectangle is determined. The distance is expressed in units of w and h. The segment of interest 
is selected on the basis of the center of the rectangle (e.g. for the upper left corner only those 
points are considered with volume smaller than the center volume and pressure larger than 
the center pressure). The point with the maximal distance to the center is defined as the corner 
point. The method is illustrated in Figure B.1.  ■

− −
= +

22
center center( ) ( )

( ) ii
i

V t V P t P
d t

w h( (((

d(ti)

t = ti

w

Pcenter
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h

Figure B.1 Detection of the corner points of a pressure-volume loop. The corner point in a given segment (red line) is 
defined as the point where the distance to the center (Vcenter, Pcenter) of the circumscribing rectangle is maximal. The 
distance is normalized to the width w and height h of the rectangle.
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Correction of mathematical coupling

C.1 Introduction

MATHEMATICAL COUPLING may occur when the relation is assessed between 
variables that are not directly measured but derived from a common set of measured 
variables. If one or more of the same measured variables is used in the derivation of 

either of the related variables, the resulting observed relationship might be due to the common 
component or due to the shared measurement error instead of due to a real relation. This may 
lead to bias in regression slopes and spurious correlations.1 In Chapter 9, mathematical cou-
pling may for example occur in the correlations between ∆CI and ∆R because both variables 
rely on the same cardiac output measurements. Stratton et al.2,3 have proposed a correction 
method for mathematical coupling in the case of linear regression. Here, we apply the method 
to the five correlation pairs presented in Chapter 9, in order to investigate whether or not math-
ematical coupling affects the observed correlations. Although we follow the approach of Strat-
ton et al.,3 we use a slightly different notation. For the proofs we refer to the original papers.2,3 
First, we define the problem. Then, we give an outline of the correction procedure and, finally, 
we apply the procedure to the correlation pairs. 

C.2 Problem

Suppose we are interested in the relationship between the variables x and y. We want to assess 
their relationship by linear regression (with y the dependent variable) and calculate the degree 
of association using the correlation coefficient. However, we have not measured x and y di-
rectly, but we have derived them from a common set of k measured variables vi, hence

 1

1

( )
( )

k

k

x x v v
y y v v
=
=





 (c.1)
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Given this dependence on vi, not all statistical requirements for linear regression and correla-
tion need necessarily be fulfilled. Since the variables vi are measured variables, we assume they 
are distorted by measurement errors

 2

,
~ (0, )

i i i
i O i v v v
v v ε ε N σ    (c.2)

with vi,O the actually observed value and 2

i
v

σ   the variance of the measurement error. Because x 
and y are functions of vi, the measurement errors 

i
v
ε   will propagate to x and y. Thus, instead of 

x and y we actually observe xO and yO

 O x

O y

x x ε

y y ε

 
 

 
 (c.3)

Since x and y are functions of the same set of variables vi, the usual assumption that εx and εy 
are uncorrelated is not valid. As a consequence, linear regression of xO and yO will result in a 
biased slope and intercept and correlation will result in a biased correlation coefficient. Strat-Strat-
ton et al.3 proposed a method to obtain an estimate of the unbiased parameters when x(·)and 
y(·) are nonlinear functions of vi. The steps are outlined below. For the multivariate case, we use 
an alternative (numerical) method. 

C.3 Definitions

 xO observed value of x
 εx (propagated) error in x

 q̂  estimate of q

 q  average of q
 β,α regression slope and intercept
 ρ correlation coefficient
 rq reliability coefficient of q

 

2 2

1

1
ˆ ( )

1

n

q i
i

σ q q
n 

 
    estimated variance of q 

 2

1

1
ˆ ( )( )

1

n

p q i i
i

σ p p q q
n




  
    estimated covariance of p and q

 qT transpose of vector or matrix q
 E[·] expected value

 [ ]1 kv v=v   vector of measured variables
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C.4 Correction procedure
C.4.1 Perform regression on the observed data

Estimate the regression slope and intercept of the observed data 

 
2

2

ˆ
ˆ

ˆ

O O

O

x y

O

x

σ
β

σ

  , ˆˆ
O O O Oα y β x    (c.4)

Estimate the residual variance 2ˆ
s

σ   

 2 2 21 1 ˆˆ ˆ( ( ) ( ) )
2 2

s i O O O O
i i

σ s y i β x i α
n n

   
     (c.5)

 
with si the residue, and the variance of the observed slope
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  (c.6)

Estimate the observed correlation coefficient
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   (c.7)

C.4.2 Estimate the slope of the measurement errors

To estimate this slope, it is necessary to calculate how the errors in the measured variables vi 
propagate to the regression variables xO and yO. Since the theory is based on linear propagation 
of errors2 but x(·) and y(·) need in general not be linear, x(·) and y(·) are approximated by their 
first-order Taylor approximation. To this end, two 1k×  vectors X and Y are defined as
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 (c.8)

with gi(vi) a function that relates the measurement error 
i
v

σ   to vi. In case of a fixed error, inde-
pendent of vi, ( ) 1i ig v = . X and Y are used to calculate the variances and covariance of εx and 
εy:

 2 ˆˆ
x

T

ε
σ E    X X  , 2 ˆˆ

y

T

εσ E    Y Y  , 2 ˆˆ
x y

T

ε εσ E    X Y   (c.9)

Using these, the slope due to coupling of the measurement errors can be estimated by
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and the corresponding correlation coefficient by

 
2 2
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  (c.11)

C.4.3 Estimate the reliability coefficients of x and y

The possibility to reliably estimate the true slope of the data in the presence of measurement 
errors and coupling, depends on two factors: the magnitude of the measurement errors 

i
v

σ   that 
propagates to εx and εy and the spread of the observed values xO and yO. This is expressed in the 
reliability coefficients rx and ry which can be estimated by 
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   (c.12)

By definition, they cannot be greater than 1. The closer its value is to 1, the more reliable the 
observations. 

C.4.4 Estimate the true regression parameters

An unbiased estimate of the true regression slope can now be obtained:

 
ˆ ˆˆ(1 )ˆ

ˆ
O x ε

x

β r β
β

r

 
   (c.13)

Note that the estimate of the true slope is a linear combination of the observed slope and the 
slope of the measurement errors. The corresponding intercept can be estimated by

 ˆˆ
O Oα y βx    (c.14)

and the true correlation coefficient by
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   (c.15)

C.4.5 Confidence interval of β̂   and hypothesis testing

The 95%-confidence interval of β̂   can be estimated by

 
ˆ

ˆ
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Oβ

x

σ
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   (c.16)

To test whether the true regression slope is significant, a t-value for the Student’s t-test can be 
estimated by

 
2

ˆ ˆˆ(1 )

ˆ
O

O x ε

β

β r β
t

σ

 
   (n – 2 degrees of freedom) (c.17)



171
Correction of mathematical coupling

C.5 Application 
C.5.1 Linear regression pairs

The following linear regression pairs (presented in Chapter 9), may suffer from mathematical 
coupling:

∆- CI versus ∆R
∆- CI versus ∆C
∆- CI versus λ
∆- CI versus ∆Cpredicted (see section 9.4)
∆- CI versus ∆R and ∆C

The analysis of a pair solely depends on the choice of the matrices X and Y. Given these, the re-
maining steps are always the same and therefore below we only present X and Y. Note that the 
last pair involves multivariate regression, which we will  deal with using a numerical method. 

C.5.2 Additional definitions

For the correlation cases described in the main paper, the following definitions are conven-
ient. 
  1 12 1 2 1 2 1 2 1 2 1 2 1 2

v v q q f f a a p p δ δ w w    v    (c.18)

with q cardiac output, f heart rate, a body surface area, p mean pulmonary artery pressure, δ 
pulse pressure and w pulmonary capillary wedge pressure, and the subscripts the measurement 
number. All of the quantities vi are in the standard units as defined in the main paper. For the 
unit conversions necessary throughout the analysis, the following scale factors are defined

 2

1

3

2

6 10

10

φ

φ

 


 

 (c.19)

C.5.3 Measurement errors

Table C.1 shows the standard deviations of the measurement errors in the variables vi that were 
assumed. In all cases, it was assumed that the measurement error was independent of the value 
of vi so that ( ) 1i ig v =  in all cases.

Table C.1 Assumed standard deviations of the measurement errors

vi σvi Remark

q, l·min–1 0.8 Corresponds to a coefficient of variation of 15%. See Stratton et al.3

f, bpm 3
Reflects the physiological variation in heart rate. Corresponds with a coefficient of variation of 3% found in the 
subgroup with digitally recorded pressures.

a, m2 0.08
Based on a coefficient of variation of 4% applied to the average value of our population. Calculation based on the 
Mosteller formula4 with an assumed error of 3 cm in length and 3 kg in weight.

p, mmHg 2.5 Corresponds with a coefficient of variation of 4% found in the subgroup with digitally recorded pressures.

δ, mmHg 3 Corresponds with a coefficient of variation of 6% found in the subgroup with digitally recorded pressures.

w, mmHg 3.5 Corresponds with a coefficient of variation of 35% found in our population.
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C.5.4 ∆CI versus ∆R

Define x and y as

 2 2 1 1
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  (c.20)
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C.5.5 ∆CI versus ∆C

In this case, 
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See section c.4 for Y.
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and TE   Y Y  as in section c.4.

C.5.6 ∆CI versus λ

In this case,

 2 2Δ
(Δ ) (Δ )

Δ

R
x λ R C

R
      (c.26)
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Δ
q q

y CI
a a

    

Because the first factor in x is always ±1 (for Δ 0R   ), we simplify the analysis by assuming 
Δ 0R    so that 

 2 2(Δ ) (Δ )x R C    (c.27)

The results below can be easily translated to Δ 0R   . Because, x is not explicitly a function of v 
we can also write

 ( ) (Δ ( ),Δ ( ))x x x R C v v v   (c.28)

then, it holds that
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In case of Δ 0R   , XR and XC get a minus sign. Subsequently, we calculate ΔR
v

  and ΔC
v
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Now, all the expressions are available for the formation of vector X
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and see section c.4 for Y. Then
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For TE   Y Y  see section c.4.
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C.5.7 ∆CI versus ∆Cpredicted

In this case,
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Then, 
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and for Y see section 5.4. Then
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For TE   Y Y  see section c.4.

C.5.8 ∆CI versus ∆R and ∆C

In this case, we have a multivariate regression model, so that x turns into a vector x

 2 1 2 1
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p p q q

φ φ
q q f δ f δ

    
      
     

x   (c.38)
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Δ
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with the regression model

 y  xβ   (c.39)

with β a 3 1×  vector. Although it might be extended to it, the method of Stratton et al.3 is, to 
our knowledge, not directly applicable to the multivariate case. We therefore use the SIMEX 
approach proposed by Cook and Stefanski5 and promoted by Holcomb6 for the case of math-
ematical coupling. It is a computer-intensive simulation method that is easy to implement. The 
method aims at identifying the relationship between measurement noise and bias of the result-
ing model parameters. Somewhat counter-intuitively, this relationship is assessed by adding 
noise of increasing magnitude (so-called pseudo errors) to the measurements and estimating 
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the resulting model parameters. Finally, the unbiased model parameters are estimated by ex-
trapolating back the relationship between pseudo-error magnitude and bias to the situation 
of zero error. The procedure is repeated many times in order to be able to apply the statistical 
analyses and it therefore belongs to the family of Monte Carlo methods. 

To estimate the standard error of the true regression slopes, we combine SIMEX with boot-
strapping.7 More specifically, after estimation of the true regression slope from all measure-
ments with the SIMEX method, we repeatedly draw with replacement, a random sample from 
the measurements to which we again apply the SIMEX method. The results obtained from these 
bootstrap replications are used for the estimation of the standard error of the true regression 
slopes. As pointed out by Cook and Stefanski,5 the methods can be applied component by com-
ponent for the multivariate case. 

For bootstrapping, we used 1000 bootstrap replications and for SIMEX, 1000 pseudo-error 

Table C.2� Results of the correction for mathematical coupling (univariate cases)

X̂r  Ŷr  β̂O  β̂  ρ̂O  ρ̂  

ΔCI versus ΔR 0.54 0.69 –2.76 ± 1.09 –3.08 ± 2.02 –0.60 –0.60

ΔCI versus ΔC 0.77 0.69 1.07 ± 0.18 1.09 ± 0.24 0.84 0.90

ΔCI versus λ 0.78 0.69 1.07 ± 0.17 1.12 ± 0.22 0.85 0.96

ΔCI versus ΔCpredicted 0.58 0.69 0.93 ± 0.17 1.28 ± 0.30 0.81 1.02

Slopes are estimate values ± 95% confidence interval tail. p < 0.001 in all cases.
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Figure C.1 Linear regression of ΔCI versus ΔR, ΔC, λ and ΔCpredicted before (observed) and after correction for math-
ematical coupling (true).
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replications. Furthermore, λ of the SIMEX procedure (the parameter that governs the magni-
tude of the pseudo errors) ranged from 0 to 2 with step size 0.1. Finally, a parabola was fit to the 
resulting relationship between each component of the regression vector βi and λ. The parabola 
was fit with linear regression.

C.5.9 Implementation

The correction procedures were implemented in MATLAB 7.0, r14 (The MathWorks, Natick, 
MA). Expected values []E ⋅  were estimated by the population average of the given expression. 

C.6 Results and discussion

Figure c.1 and Table C.2 show the results of the correction for mathematical coupling. Al-
though correction changed the slopes of the regression lines, none of the corrected slopes was 
significantly different from the observed slope. Furthermore, reliability of the observed vari-
ables was high (≥ 0.69), except a lower reliability of ∆R and ∆Cpred (0.54 and 0.56, respectively). 
Correction did not affect significance. Both before and after correction, slopes were different 
from zero at the same significance level (p < 0.0001). 

The results of the SIMEX procedure combined with bootstrapping for the multivariate case 
are shown in Table C.3 and Figure C.2. Note that the SEs in Figure C.2 and in the right column of 
Table c.3 mainly reflect the accuracy of the bootstrap algorithm, which will in general increase 
if the number of replications increases. Furthermore, note that the corrected components βi 
are within the ranges βi,O ± SE and that the differences are therefore obviously not statistically 
significant.

Table C.3 Result of the correction for mathematical coupling (multivariate case)

i βi,O βi

1 –1.43 ± 0.35 –1.03 ± 0.08

2 0.87 ± 0.01 0.94 ± 0.02

3 0.00 ± 0.01 0.01 ± 0.01

Values presented as slope ± SE.  SEs of the observed slope follow from the measurements (see Table C.1), SE of the 
true slopes βi  follow from bootstrap replications.
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Figure C.2� Relation between the components of the slope vector and the magnitude of the psuedo-error λ added to 
the measurements. Open circles represent the result of the SIMEX procedure applied to all measurements, whereas 
the squares with error bars denote the average ± 2SE of all bootstrap replications. The red line is the parabola that 
best fits the circles. λ = –1 corresponds to the estimated true slope, λ = 0 to the slope as observed (no pseudo-
errors) and λ = 2 to a slope that would have been contaminated with noise with variance twice as large as the actual 
measurement variance.
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As noted by Stratton et al.,3 correction of correlation coefficients can be problematic. Indeed, 
we also found a correlation coefficient >1 and an artificially high correlation coefficient of 0.96. 
Therefore, we report the uncorrected coefficients in Chapter 9 assuming they represent the 
minimum. We assume this because the effect of mathematical coupling appears to be small, the 
corrected correlation coefficients are about the same or greater than the observed correlation 
coefficients in all cases and reliability of the observed variables is high. 

C.7 Conclusion

The effect of mathematical coupling on the correlation pairs presented in Chapter 9 is small. It 
does neither significantly affect the regression slope nor does it decrease the correlation coef-
ficients.  ■
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D.1 State-space matrices of the RC-tree model

The matrices as defined in equation (10.3) read

1 1

21 21

2 2

2 2 32 32

1, 1,

1 1

1 1 , 1 , 1

1,

0

1 1
0

1 1
0 0

1 1
0

1 1
0

k k

k k k k k k

N N

N N N N N N

N

N N N N

α α

τ τ

α α

τ τ τ τ

α α

τ τ τ τ

α α

τ τ τ τ

α

τ τ τ

 

 

   



 
 
 
  

   
  
 
 

  
     

  
 
 
  

      
         

A





 

 (d.1)

11 0 0
T

c =  B 

1 0 0
T

 =  C 

1r=D

RC-tree state-space matrices
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D.2 Conversion to discrete-time

For simulation, the model has to be converted from continuous-time to discrete-time. After 
conversion to discrete-time,1 the system reads
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The initial state x0 is (arbitrarily) set equal to zero. The system will reach stationarity if simula-
tion is continued long enough (within a few cardiac cycles). The simulation results in a value 
for each state variable for each moment in time. 

D.3 Single-segment flow

From the state variables all remaining quantities (e.g. flows) can be derived using Ohm’s law. 
In matrix notation this reads
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with Q a matrix with the flow through an order as function of time in each row and X a matrix 
with all states as function of time in its rows. Note that Q defines the flows through r2 through 
rN + 1. The flow through r1 equals the input flow u. ■

Reference
1.  Simon D. Optimal state estimation Kalman, H [infinity] and nonlinear approaches. Hoboken, N.J: Wiley-

Interscience; 2006.
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Estimating nonlinear compliance 
from the diastolic pressure decay 
in the pulmonary artery

E.1 Introduction

IN A PREVIOUS STUDy, we have shown that the relation between mean pulmonary artery 
pressure P and compliance C can be described by a hyperbola βC β P   with β a single val-
ue for patients with and without pulmonary hypertension (PH). If this compliance model is 

substituted in the differential equation of a windkessel model in diastole, it can be shown that 
the diastolic pressure P(t) decays according to
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With tes, Pes end-systolic time and pressure, and R peripheral resistance. This decay differs from 
the well-known exponential decay 
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In this study, both decay models were compared. 

E.2 Methods

Pulmonary artery pressure and cardiac output were measured in three groups of patients (9 
idiopathic PH, 10 chronic thromboembolic PH and 10 without PH). With linear regression, 
the exponential (e.2) model and the β-model (e.1) were fitted to the diastole of an ensemble-
averaged pressure beat. The models were compared with Akaike’s information criterion (AIC). 
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E.3 Results

A fit of the β-model is shown in Figure E.1. The inset shows the corresponding pressure-de-
pendent compliance (dashed lines denote diastolic, mean and systolic pressure with their com-
pliance). Mean Cβ estimated as β divided by mean P showed excellent correlation with C as 
estimated from the exponential model (R2 = 0.98). On average β = 55 ± 31 ml was found, which 
was not different in the patient groups (one-way ANOVA, p = 0.695). AIC-comparison resulted 
in a probability of 0.91 that the β-model is the most likely model.

E.4 Conclusions

A hyperbolic nonlinear compliance model gives a more accurate description of diastolic pul-
monary pressure decay than the linear model. When compared on average compliance, both 
models show excellent agreement. The similarity of β in different patient groups suggests that 
the elastic properties of the pulmonary vascular bed are not involved in PH. ■
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Figure E.1 Fit of the β-model (red line) to the diastolic decay of the pulmonary artery pressure in a PH-patient. The 
inset shows the corresponding compliance as a function of pressure.
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Summary in Dutch

Afdeling longziekten, Institute for Cardiovascular Research, VU medisch centrum, Amsterdam

J.W. Lankhaar

Nederlandse samenvatting

Pulmonale hypertensie

DE GROTE BLOEDSOMLOOP in het menselijk lichaam voorziet het lichaam van 
bloed. Zelf wordt het bloed opnieuw van zuurstof voorzien in de kleine bloedsomloop, 
een onafhankelijke kring tussen hart en longen. Wanneer de omstandigheden ergens 

in het lichaam veranderen, bijvoorbeeld bij inspanning of verandering van houding, neemt 
de vraag naar zuurstof toe en de kleine bloedsomloop biedt dan onmiddellijk meer zuurstof 
aan. Ondanks haar naam, speelt de kleine bloedsomloop zeker geen ondergeschikte rol in het 
menselijk lichaam. Aandoeningen van de kleine bloedsomloop hebben ernstige gevolgen. Het 
merendeel van deze aandoeningen veroorzaakt pulmonale hypertensie, een sterk verhoogde 
bloeddruk in de longslagader. 

In de kleine bloedsomloop is de gemiddelde druk veel lager dan in de grote bloedsomloop. 
Dankzij een grote reservecapaciteit aan bloedvaten kan de kleine bloedsomloop onder allerlei 
omstandigheden de druk ook laag houden. Als een aandoening de bloedvaten in de longen 
aantast, gaat deze reservecapaciteit verloren waardoor de bloeddoorstroming wordt belem-
merd. Er is dan een hogere druk nodig om dezelfde hoeveelheid bloed te laten stromen. 

Belemmeringen in de bloeddoorstroming hebben uiteindelijk gevolgen voor het hart, de 
centrale pomp in het lichaam. Als er een hogere druk nodig is om dezelfde hoeveelheid bloed 
rond te pompen, moet het hart meer arbeid verrichten. Als gevolg hiervan zal de kamer uit-
zetten en een dikkere spierwand ontwikkelen, maar als het ziekteproces zich voortzet kan de 
belasting zo groot worden dat de rechterkamer gaat falen. 

Klinische problemen

De kennis van pulmonale hypertensie is de afgelopen decennia enorm toegenomen, maar nog 
steeds vormt de aandoening een grote uitdaging voor artsen. Het is een zeldzame aandoening, 
die meestal relatief jonge mensen treft (vooral vrouwen tussen de dertig en veertig) en vrij al-
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gemene klachten geeft. De aandoening wordt daarom makkelijk over het hoofd gezien. Wordt 
een patiënt verdacht van pulmonale hypertensie dan kan de diagnose alleen bevestigd worden 
via een rechterhartcatheterisatie, een ingrijpend onderzoek. Is de diagnose gesteld, dan moe-
ten allerlei aanvullende onderzoeken nog uitwijzen wat precies de oorzaak van de pulmonale 
hypertensie is. 

Niet alleen de diagnose maar ook de behandeling van pulmonale hypertensie is moeilijk. 
De arts heeft niet veel meer gereedschap om de ziekte te volgen dan de klinische toestand van 
de patiënt: hoe gaat het met u? Zo is nog steeds de beste indicatie voor de prognose van een 
patiënt de 6-minutenlooptest (hoe ver kan een patiënt in 6 minuten lopen?), maar dit is na-
tuurlijk een wel heel indirecte maat voor de toestand van de bloedvaten in de longen. Verder is 
het uiterst belangrijk om bij een vergevorderd ziekteproces te kunnen vaststellen wanneer de 
rechterkamer dreigt te gaan falen zodat de behandeling daarop aangepast kan worden. Op dit 
moment kan dat echter nog niet.

Hemodynamica

Hemodynamica is het onderdeel van de geneeskunde dat de wisselwerking tussen bloeddruk 
en -stroom in bloedvaten bestudeert. Vanuit het perspectief van de hemodynamica is het be-
grijpelijk dat pulmonale hypertensie een moeilijk te behandelen aandoening is. Omdat de 
zuurstofvoorziening direct afhankelijk is van de bloeddoorstroming, is de hemodynamische 
toestand van een patiënt bepalend voor zijn of haar klinische toestand. Hoe bloeddruk en 
-stroom op elkaar inspelen, hangt echter van veel factoren af. Om dit te begrijpen, kunnen hart 
en bloedsomloop het beste worden vergeleken met een pomp en haar belasting. 

De prestatie van een pomp hangt ervan af hoe groot het aanbod is aan vloeistof, hoe krach-
tig de pomp is en hoe zwaar de pomp belast wordt. Het hart herbergt twee pompen in zich 
(een linker- en een rechterkamer) die elkaars werking direct en indirect beïnvloeden. Daarom 
alleen al is het begrijpelijk dat bloeddruk en -stroom het resultaat zijn van een ingewikkeld 
samenspel van factoren. Een arts zal met behandeling proberen dit samenspel zodanig te beïn-
vloeden dat de prestaties van het hart optimaal zijn. Hij moet daarvoor weten wat de belang-
rijkste factoren zijn die een rol spelen, hij moet die factoren kunnen meten en hij moet weten 
hoe ze elkaar beïnvloeden. In het algemeen is dit in de praktijk maar beperkt mogelijk. Bij 
pulmonale hypertensie zijn de mogelijkheden nog beperkter omdat een essentieel en moeilijk 
toegankelijk deel van de bloedsomloop is aangedaan. 

Wiskundige modellen

Het is niet eenvoudig om het effect te voorspellen van een verandering in een grootheid op de 
klinische toestand van een patiënt als geheel. Het is daarom moeilijk te voorspellen of een be-
handeling het gewenste effect zal hebben. Wiskundige modellen zouden hierin een belangrijke 
rol kunnen spelen. Ze zouden nuttig kunnen zijn om de diverse wisselwerkingen inzichtelijk te 
maken en om de metingen die in een patiënt worden gedaan eenvoudiger te interpreteren. Een 
wiskundig model geeft inzicht in het verband tussen parameters en legt aannames eenduidig 
vast. Met een model kan het effect van een interventie vooraf eenvoudig worden nagegaan. 
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Verder biedt het de mogelijkheid om verschillende soorten metingen te combineren waardoor 
uit de combinatie meer informatie kan worden gehaald dan uit de afzonderlijke metingen. Met 
deze modelgebaseerde aanpak zou een individuele patiënt kunnen worden gekarakteriseerd 
met een beperkt aantal parameters die nuttig zijn bij het stellen van de diagnose en de prog-
nose en het volgen van de behandeling.

Voor een modelgebaseerde aanpak moet worden voldaan aan een aantal voorwaarden. De 
belangrijkste is dat er een goed model beschikbaar is. Dat model moet voldoende gedetail-
leerd zijn om een bepaald mechanisme inzichtelijk te maken, maar niet gedetailleerder dan 
de nauwkeurigheid van de metingen toelaat. In Hoofdstuk 1 wordt nog een aantal andere eisen 
genoemd die aan een model worden gesteld.

Doel van het onderzoek

Het doel van het onderzoek was na te gaan in hoeverre het gebruik van wiskundige modellen 
nuttig is voor het stellen van de diagnose pulmonale hypertensie, voor het vaststellen van de 
oorzaak en voor het volgen van de behandeling. 

Inhoud van het proefschrift

Het proefschrift bestaat globaal uit drie delen. In het eerste deel staat de nauwkeurigheid van 
hemodynamische metingen centraal, in het tweede deel de keuze van hemodynamische mo-
dellen en in het derde deel de toepassing van modellen op pulmonale hypertensie. 

Nauwkeurigheid van hemodynamische metingen
Het eerste deel omvat de hoofdstukken 2 t/m 4. Na een kort overzicht van de geschiedenis 
van de hemodynamica in Hoofdstuk 2, wordt in Hoofdstuk 3 een methode gepresenteerd om 
de nauwkeurigheid van de bloeddrukmetingen te vergroten. Bij een rechterhartcatheterisatie 
wordt een catheter via de lichaamsader en het hart in de longslagader ingebracht. Het andere 
uiteinde van de catheter wordt aangesloten op een druksensor (buiten het lichaam). Drukpul-
jes in de longslagader worden via de vloeistof in de catheter doorgegeven aan de druksensor. 
Luchtbelletjes of bloedstolsels in de catheter kunnen de overdracht van de drukpulsjes versto-
ren, waardoor de druksensor een verkeerd signaal registreert. De methode maakt het mogelijk 
om verkeerd geregistreerde signalen achteraf te corrigeren, hetgeen de nauwkeurigheid van 
het signaal aanzienlijk vergroot. 

In Hoofdstuk 4 wordt nog een correctiemethode gepresenteerd, maar nu voor de bloed-
stroom. De bloedstroom in de longslagader kan met een zogenaamde faseconstrastmeting met 
een mri-scanner worden gemeten. De scanner brengt dan de dwarsdoorsnede van het bloed-
vat zodanig in beeld dat de grijswaarde van de pixels overeenkomt met de stroomsnelheid van 
het bloed. Hoewel het een aantrekkelijke techniek is, kunnen zwerfstromen in de mri-scanner 
de meting verstoren. Met de correctiemethode kan de invloed van de zwerfstromen worden 
beperkt. 

Keuze van hemodynamische modellen
Het tweede deel van het proefschrift omvat de hoofdstukken 5 en 6. In Hoofdstuk 5 worden 
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zes modellen vergeleken die de relatie tussen bloeddruk en -volume in de linkerhartkamer be-
schrijven. In tegenstelling tot de andere hoofdstukken staat hier de linkerhartkamer centraal. 
Ook is dit het enige hoofdstuk waarin alleen gebruikgemaakt wordt van metingen die zijn uit-
gevoerd in dieren (schapen). Dit is vooral om praktische redenen gedaan. Voor de linkerhart-
kamer is de gebruikte meettechniek uitgebreid gevalideerd en in de literatuur is er veel meer 
onderzoek gedaan naar modellen voor de linkerhartkamer. Uiteindelijk zullen de resultaten 
van het onderzoek vertaald moeten worden naar de rechterhartkamer. 

Hoofdstuk 6 geeft een overzicht van het gebruik van een van de bekendste hemodynamische 
modellen, het zogenaamde windketelmodel. Dit model is genoemd naar de windketel, een 
luchtreservoir in brandweerpompen dat pulsaties in de pompstraal dempt en daarmee zorgt 
voor een constante waterstraal. Doordat (met name de grote) bloedvaten elastisch zijn, vangen 
ze de pulsaties in bloeddruk op die het hart veroorzaakt wanneer het bloed uitstoot. Het wind-
ketelmodel is aantrekkelijk omdat het ondanks zijn eenvoud het vaatbed realistisch nabootst.

Toepassing op pulmonale hypertensie
Het derde en belangrijkste deel van het proefschrift omvat de hoofdstukken 7 t/m 10. Na een 
overzicht van de rol van mri en nucleaire technieken voor de beeldvorming van de rechter-
hartkamer in Hoofdstuk 7, worden in Hoofdstuk 8 de catheterisatiemeting van bloeddruk en de 
mri-meting van bloedstroom gecombineerd met behulp van een windketelmodel. Doel was 
om na te gaan of patiënten van drie duidelijk verschillende groepen geclassificeerd konden 
worden op basis van hun modelparameters. Als dat zou kunnen, zou dat erop duiden dat een 
wiskundig model meerwaarde heeft voor het vaststellen van de oorzaak van pulmonale hyper-
tensie. De modelparameters van drie patiëntengroepen werden vergeleken: patiënten die wer-
den verdacht van pulmonale hypertensie maar het niet bleken te hebben (de controlegroep), 
patiënten met pulmonale hypertensie als gevolg van chronische longembolieën en patiënten 
met pulmonale hypertensie waar geen onderliggende oorzaak voor kon worden gevonden 
(idiopathische pulmonale arteriële hypertensie). 

Het gemiddelde van de modelparameters per groep bleek statistisch significant verschillend 
te zijn. De spreiding binnen de groepen was echter te groot om individuele patiënten op basis 
van hun modelparameters foutloos te classificeren. Uit de studie bleek verder dat er een sterk 
verband is tussen twee parameters van het model en dat dat verband voor alle drie de groepen 
hetzelfde is. De weerstand die het bloed ondervindt, bleek omgekeerd evenredig te zijn met de 
compliantie, een maat voor de elasticiteit van het vaatbed in de longen. Als dit verband gedu-
rende een behandeling van pulmonale hypertensie zou blijven bestaan, zou het dubbel in het 
nadeel van ernstig zieke maar ook dubbel in het voordeel van minder ernstig zieke patiënten 
werken. In Hoofdstuk 9 wordt daarom een studie gepresenteerd waarin in een grote groep pati-
enten wordt nagegaan of het verband tussen weerstand en compliantie blijft bestaan gedurende 
de behandeling. Dit bleek inderdaad het geval te zijn. Ook bleek dat hemodynamische veran-
deringen gedurende behandeling voor pulmonale hypertensie beter verklaard kunnen worden 
door naar weerstand én compliantie te kijken in plaats van naar beide afzonderlijk. 

In Hoofdstuk 10 wordt met behulp van een simulatiemodel een verklaring gegeven voor het 
gevonden verband tussen weerstand en compliantie. Op basis van anatomische data uit de lite-
ratuur werd een longvaatbed van zeventien generaties vertakkende vaten gesimuleerd. Door in 
de simulatie steeds een deel van een bepaalde generatie af te sluiten werd pulmonale hyperten-
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sie nagebootst. De situatie waarin de compliantie van de afzonderlijke vaatjes altijd gelijkblijft, 
ongeacht de druk, werd vergeleken met het geval waarin de compliantie van de afzonderlijke 
vaatjes afhankelijk was van de gemiddelde druk in het vat. Het simulatiemodel vertoonde in 
het laatste geval (drukafhankelijke compliantie) het gedrag dat werd waargenomen bij de pati-
enten in Hoofdstuk 9. Het gevonden verband tussen weerstand en compliantie kan dus worden 
verklaard uit een combinatie van de anatomie van de longvaten en de elastische eigenschappen 
van de wand van de longvaten.

Conclusie

Met het onderzoek kon geen direct diagnostische meerwaarde worden aangetoond van het 
combineren van metingen met het gebruikte windketelmodel. Wel werd aangetoond dat het 
gebruik van een wiskundig model meer inzicht geeft in het verloop en het effect van pulmo-
nale hypertensie. Het gevonden verband tussen weerstand en compliantie verklaart bijvoor-
beeld waarom behandeling van ernstig zieke patiënten relatief veel minder effect heeft dan 
behandeling van minder ernstig zieke patiënten. Daarnaast geeft het aanknopingspunten voor 
onderzoek naar het meten van de bloeddruk in de longslagader zonder dat daarvoor een rech-
terhartcatheterisatie nodig is.  ■
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HET DANKWOORD is een essentieel onderdeel van een proefschrift. Natuurlijk al-
lereerst omdat de promovendus in het dankwoord recht doet aan allen die geholpen 
hebben bij het totstandkomen van het proefschrift. Ere wie ere toekomt. Daarnaast is 

het essentieel omdat het de enige plaats in het proefschrift is waar ronduit wordt toegegeven 
dat wetenschap mensenwerk is. Elders wordt die suggestie meestal zorgvuldig vermeden. Aan-
gezien wetenschap mensenwerk ís, zegt het dankwoord veel over het beschreven onderzoek. 

Wie dit laatste angstvallig zou willen bestrijden, moet maar eens over de volgende vragen 
nadenken. Wie bepaalt wat er wordt onderzocht? Hoe dat wordt onderzocht? Met wie er wordt 
samengewerk of juist niet? Wie bepaalt, welk resultaat de moeite waard is om gepubliceerd te 
worden? Meestal is dit de wetenschapper, of degene die zijn onderzoek financiert en zij wor-
den daarbij gelukkig meestal niet door louter rationele argumenten gedreven, maar vaak meer 
door gewoonte, verwondering of anderszins. Dit betekent niet dat de wetenschapper niet rati-
oneel te werk gaat; uiteindelijk moet zijn werk resulteren in een toetsbare theorie. Het betekent 
wel dat menselijke factoren in het onderzoek essentieel zijn.

Nu wil ik niet de indruk wekken dat dit dankwoord slechts een verplicht nummer is. Inte-
gendeel, het is mij een groot genoegen om hen te bedanken wie dank en erkenning toekomt. 
Met een zekere schroom (bwv 36!), maar niet minder gemeend, wil ik daarbij graag allereerst 
God dank en erkenning geven. Ten diepste geloof ik dat Hij het is die mij de kracht en wijsheid 
gaf om dit proefschrift te voltooien. 

Verder wil ik graag ook de volgende personen met name noemen:
  ■ Mijn eerste promotor prof.dr. P.E. Postmus. Professor Postmus, dank voor de gelegenheid 
die u hebt geboden om een promotieonderzoek op de afdeling longziekten uit te voeren. 
Voor u moet het risicovoller zijn geweest om een ingenieur als onderzoeker aan te stellen 
dan een arts-onderzoeker, maar gelukkig heb ik bij u nooit een spoor van twijfel kunnen 
ontdekken. 

Dankwoord
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Denn schallet nur der Geist darbei
So ist ihm solches ein Geschrei
Das er im Himmel selber hört

Johann Sebastian Bach (1685-1750, bwv 36)
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