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Abstract

The importance of the assessment of cardiac parameters is stressed by the fact that cardio

vascular diseases are the number one death cause in the United States of America as well

as in the Netherlands. Cardiac parameters provide clinicians more information about the

condition of patients with cardiovascular diseases. The Ejection Fraction (EF) is an excellent

predictor of the severity of a cardiac disease, and an increase of the Pulmonary Blood Volume

(PBV) can indicate heart failure. Another advantage is that abnormalities could be detected

in an earlier stage when many parameters that give a quantification of the heart's function,

are available.

The objective of the study presented in this thesis was to improve the EF and PBV

measurement system. The approach was to first study the different blocks of the measurement

system, and then make improvements or design additional parts. The EF results are compared

to the results obtained with the bi-plane method. The PBV results could not be compared

to a commonly used standard in clinical practice, due to the invasiveness of these methods.

The EF measurement is based on the ventricular dilution system identification. A recursive

Wiener deconvolution technique is adopted to estimate the impulse response that characterises

the system. The Left Ventricle (LV) EF can be measured by deconvolving the Left Atrium

(LA) and LV Indicator Dilution Curves (IDCs). The deconvolution was performed by a

Wiener deconvolution algorithm, resulting in the LV impulse response. To estimate the LV

EF, the impulse response is fitted by a mono-compartment model, from which the time

constant can be derived.

The PBV measurement is based on the Mean Transit Time (MTT) between the right

ventricle (RV) and LA curves. Together with the cardiac output, the MTT provides the

PBV. The MTT of an individual IDC is derived from the parameters of the Local Density

Random Walk (LDRW) model fit of the IDC.

The improvements for the EF measurement were designed and tested using simulations

and in-vivo data, and included: recommendations for Region-of-Interest (RIO) selection,

adaptive prefiltering based on noise characterisation, automatic determination of a (sub)op

timal fit interval, and automatic rejection based on the measurement quality.

The improvements for the PBV measurement were designed and tested using in-vivo

and in-vitro data, and included: an extended attenuation compensation algorithm, adap-



tive prefiltering based on noise characterisation, and a semi-automatic determination of a

(sub)optimal fit interval.

The final results for the FEF measurement incorporated 86 in-vivo measurements of pa

tients that were treated with resynchronisation therapy (bi-ventricular pacing). A total of 16

measurements were rejected, the EF of the 70 remaining measurements was compared to the

EF measured with the bi-plane method and showed a correlation coefficient of 0.800. The

Bland-Altman plot showed a bias equal to 3.1% and a standard deviation equal to 8.1%.

These results are supported by [1], which shows that the bi-plane results are underestimated

with respect to the gold standard, namely MRI. Since comparisons between different EF

measurement techniques always show significant standard deviations (usually of the order of

15%), these results are promising and prove the feasibility of the presented method.

Future research possibilities are: measure more cardiac parameters of interest, e.g., regur

gitation parameters that, together with the cardiac parameters measured in clinical practice,

open a window for new clinical studies; the use of a Transesophageal Echocardiogram (TEE)

probe which can make high signal-to-noise ratio images of the heart from within the esoph

agus with a high reproducibility; and a comparison of the measurements presented in this

thesis with MRI data to optimise the indicator dilution method.
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Chapter 1

Introduction

Ultrasound Contrast Agents (UCAs) are becoming extensively used in echocardiography for

the contour-detection improvement in difficult images, but their employment for objective

measurements is still in an early stage. A study on the measurement of cardiac parameters

by use of UCA is in progress since 2001 in cooperation with the Catharina Hospital in Eind

hoven. The ultimate goal is the assessment of cardiac output (blood flow through the heart),

blood volumes, and ejection fractions (of the left and right ventricles) by a single UCA bolus

injection. The analysis of the echo-graphic videos that record the flow of contrast through

the heart provides all the information to extract the cardiac parameters. The aims of the

study presented in this thesis are the assessment of the pulmonary blood volume and ejection

fraction by use of UCA peripheral injections and echocardiography. An improvement of a

pre-existing measurement system is the major goal of this study.

The importance of the assessment of cardiac parameters is stressed by the fact that car

diovascular diseases are the number one death cause in the United States of America as well as

in the Netherlands (33% of the causes of death in the Netherlands in 2003). These measure

ments provide clinicians more information about the condition of patients with cardiovascular

diseases. The ejection fraction is an excellent predictor of the severity of a cardiac disease,

and an increase of the pulmonary blood volume can indicate heart failure. Another advantage

is that abnormalities could be detected in an earlier stage when many parameters that give

a quantification of the heart's function, are available.

This thesis is organised as follows:

Chapter 2 briefly presents the cardiac anatomy and physiology, together with an expla

nation of several parameters that describe the efficiency of the pumping action of the heart.

Chapter 3 presents a brief historical overview of the indicator dilution methods, the gen

eral theory of indicator dilution and several applications based on two techniques, namely

continuous tracer infusion and rapid tracer infusion, and explains three medical imaging

applications namely nuclear imaging, Magnetic Resonance Imaging (MRI) , and ultrasound

1



2 Chapter 1: Introduction

imaging. Finally, a comparison between the mentioned techniques is presented.

Chapter 4 explains the basics of ultrasound echography and presents additional informa

tion on the clinical use of ultrasound in echocardiography. With this background, the use of

contrast agents in ultrasound imaging is presented together with its application in indicator

dilution curve (IDC) measurements.

Chapter 5 presents a number of models that can be used to model an IDC. Furthermore,

it justifies the choice for a particular model, i.e., the Local Density Random Walk (LDRW)

model, for use within this research (measurements and simulations). Finally, the application

of the LDRW model as a basis of the simulations is presented.

Chapter 6 presents the indicator dilution methods for the measurement of the EF and

the PBV. The EF can be estimated by dilution system identification, which is based on the

estimation of the impulse response of the dilution-system between the detection sites. The

EF can then be calculated using the impulse response. The PBV can be estimated in a

similar manner as the EF, namely by dilution system identification. By fitting the resulting

impulse response, an IDC, the mean transit time (MTT) can be obtained and the PBV can

be calculated. Another method fits the input and output IDC from which the transit and

resident times of the two IDCs are calculated to estimate the PBV. All three methods are

presented in Chapter 6 and form the basis of this thesis. The improvements of these methods

are discussed in Chapter 7.

Chapter 7 discusses the difficulties of selecting the regions of interest (ROIs) in echo

images, presents the results of the noise characterisation of the used in-vivo data, and presents

the improvements for the EF and the PBV measurement system, which can be considered

the main part of this thesis.

Chapter 8 presents the results obtained by the improved EF and PBV measurement

systems that are described in Chapter 7.

Finally, Chapter 9 presents the conclusions that can be drawn by comparing the measure

ment methods presently used to the indicator dilution measurement, based on the improve

ments made and results. Furthermore, it presents a discussion on some of the results, and

gives recommendations for future research.

A list of references is included at the end of this thesis, followed by the appendix.

The Practical Library Training report that was written for the accompanied graduation

course 5J053, is included at the end of this thesis and describes the literature search for this

graduation project.



Chapter 2

The Heart

This study presents a new method to measure several cardiac parameters using contrast

echocardiography. Before going into detail on the measurement method, the cardiac anatomy

and physiology is briefly presented. After that several parameters that describe the efficiency

of the pumping action of the heart are presented.

This chapter is organised as follows: the basic physiology of the heart and circulation is

presented in section 2.1. The cardiac cycle, consisting of two phases, diastole and systole, is

explained in 2.2. Finally section 2.3 presents the parameters of interest in the measurements

that are studied in this report.

2.1 Physiology of the heart

The heart is the pump within the cardiac circulation. By pumping blood around in the

circulation, it supplies the body with oxygen, while it also removes the waste products.

Figure 2.1 shows the anatomy of the heart1. The heart consists of two separate pumps [2].

The right side of the heart pumps the oxygen poor blood through the lungs where carbon

dioxide (C02) is exchanged for oxygen, whereas the left side of the heart pumps the blood

through the peripheral organs.

Both sides of the heart are basically a two chamber pump, composed of an atrium and a

ventricle. The atrium is a pre-pump that ensures a good filling of the ventricle, whereas the

ventricle pumps the blood into the pulmonary or peripheral circulation.

Referring to Fig. 2.1 the path of the blood can be easily explained. The oxygen depleted

blood returns to the heart through the superior and inferior Vena Cava, and flows into the

Right Atrium (RA). The RV pumps the blood into the Pulmonary Artery (PA) after which it

reaches the lungs where it is oxygenated. The blood exits the lungs through the Pulmonary

Vein and flows into the Left Atrium (LA). The Left Ventricle (LV) pumps the blood into the

1source: http://wwVl. tme. edu/thi/erosslg. jpg

3



4

Figure 2.1: The Anatomy of the heart.

Chapter 2: The Heart

aorta, which supplies oxygenated blood to the whole body. Finally the oxygen-poor blood

returns to the superior and inferior Vena Cava and RA again.

To avoid backward flow (referred to as regurgitation), the heart contains four unidirec

tional valves. Starting at the RA, the blood flows through the following valves (see Fig. 2.1):

first the Tricuspid Valve (TV), second the Pulmonary Valve (PV), third the Mitral Valve

(MV), and finally the Aortic Valve (AV). The TV and MV (atrioventricular valves) prevent

backflow from the ventricle to the atria. The PV and AV prevent backflow from the pul

monary artery to the RV and from the aorta to the LV, respectively. Section 2.2 will explain

the functioning of the valves within the cardiac cycle in more detail.

2.2 The cardiac cycle

The cardiac events that occur from the beginning of one heartbeat to the beginning of the

next one are referred to as the the cardiac cycle [2]. The cardiac cycle and the timing is

initiated by an electric impulse generated at the sinus node, whereas the latency between the

atria and ventricles is controlled by the AV node.

The cardiac cycle consists of two periods, a relaxation phase referred to as diastole, in

which the heart fills with blood, and a contraction phase referred to as systole, in which the

blood is pumped out of the ventricles. During the diastole, the TV and MV are open, enabling

the ventricles to fill, and the PV and AV are closed to prevent the blood from flowing out of

the ventricle too early. During the systole, the TV and MV are closed, preventing the blood

from flowing backwards into the atria and the PV and AV are open, enabling the ejection of

blood out of the ventricle.



2.3 Cardiac parameters of interest

2.3 Cardiac parameters of interest

5

Regarding the circulation, and the heart in particular, numerous quantities exist that can be

measured. Some examples are: temperature, Heart Rate (HR), blood pressure, lung volumes,

oxygen consumption, Cardiac Output (CO), Ejection Fraction (EF), and even blood volumes

(total blood volume, or specific blood volumes) [3]. In this report, the measurement method

of two parameters will be further discussed, namely the EF and the Pulmonary Blood Volume

(PBV). Before discussing the measurement methods in Chapter 3, both parameters as well

as the CO, the PBV measurement is after all dependent on the CO, are here introduced in

more detail.

The parameter ejection fraction is a good measure of the severity of cardiac diseases.

Together with the pulmonary blood volume, which is an indicator of the circulatory system

functionality, these parameters can indicate the severeness of heart failure, and thus have a

valuable diagnostic value for cardiologists and anesthesiologists.

2.3.1 Cardiac output

The cardiac output is the amount of blood that the heart pumps round in one minute. In rest,

the average CO in healthy humans is around 5 l·m- I , while during exercise it can strongly

increase up to 20 l·m- I .

However, in patients with physiological abnormalities or heart failure, a decrease to a

maximum cardiac output of 2 l·m- I has been seen.

2.3.2 Ejection fraction

The EF is defined as given in Eq.(2.1), where ~d is the end-diastolic volume, which is the

maximum volume after the ventricle is completely filled, and ~s is the end-systolic volume,

which is the minimum volume in the end of contraction.

EF = Ved - Ves .100%
~d

(2.1)

In other words, it is the percentage of blood that is pumped out during a cardiac cycle. Since

the heart has a left and right part, it also has two EFs, a Left Ventricle EF (LV EF) and a

Right Ventricle EF (RV EF).

A distinction is made between the blood that flows forward, and blood that flows back

wards due to valve leakage (only in case of a physiological problem, in the normal situation

valve leakage does not occur). The Forward EF (FEF) is the percentage of blood which flows

into the aorta, whereas the Regurgitant EF (REF) is the percentage that flows back into the

atrium2 .

2For the left-heart, the REF would be a result of mitral valve and/or aortic valve insufficiency, for the
right-heart, the REF would be a result of pulmonary valve and/or tricudpid valve insufficiency.



6 Chapter 2: The Heart

The EF, measured with any geometric technique, is the sum of the FEF and REF, as

expressed in Eq.(2.2).

EF = FEF+REF (2.2)

The new method proposed in this report (see Chapter 6) measures the FEF, instead of the

EF as with a geometric technique. The FEF can thus be derived from Eq.(2.2), resulting in

FEF = EF - REF.

2.3.3 Pulmonary blood volume

The total blood volume is distributed non-uniformly along the body. Approximately 9% of

the total blood volume can be found in the pulmonary circulation, whereas the heart contains

approximately 7% [2, p. 162], though it varies during the cycle.

PBV

CBV

Figure 2.2: Common blood volume measurements, Pulmonary Blood Volume (PBV), Central Blood
Volume (CBV). The specific blood volumes are coloured grey.

Several blood volumes in the heart and lungs can be distinguished, two of which can be

seen in Fig. 2.23 . The Central Blood Volume (CBV) is the volume between the pulmonary

artery and the LV, and the Pulmonary Blood Volume (PBV) is the volume between the

pulmonary artery and the LA. The volume between the RA and LV, is referred to as the

Intra-Thoracic Blood Volume (ITBV).

These parameters are frequently used in anaesthesiology and intensive care, to evaluate

the cardiac preload4 and the symmetry of the cardiac efficiency. Moreover, the LV EF and

stroke volume (SV, the volume which is ejected out of the ventricle in one heart cycle and

equals the end-diastolic volume ~d minus the end-systolic volume Ves ) are closely related to

the PBV and CBV [4, p. 31J.

3source: [4, p. 30]
4Refer to [2] for a detailed explanation of the term preload.



Chapter 3

Indicator dilution methods

Indicator dilution methods are based on the dilution of a small amount of indicator (an easily

and accurately measurable substance) that is injected into the blood stream (hence the name

indicator dilution). Several physiological parameters can be determined by measuring the

indicator concentration downstream, a certain distance away from the injection site.

The path from the injection point to the measurement site downstream should have no

branches through which the indicator could (partially) disappear (though this depends on

the application, and is no requirement for some applications). Specific requirements for an

indicator are: it should not be absorbed by tissues, it should be non-toxic, and it should be

cleared in a natural way after a while (after the measurement) [3]. There are many different

types of indicators, all employed in different applications: chemicals, radioactive isotopes,

dyes (dye dilution), and heat (thermodilution).

This chapter is organised as follows: section 3.1 presents a brief historical overview of the

indicator dilution methods. The general theory is presented in section 3.2, and section 3.3

presents several applications based on two techniques, namely continuous tracer infusion and

rapid tracer infusion (section 3.3.1). Furthermore, three medical imaging applications are dis

cussed, namely nuclear imaging, Magnetic Resonance Imaging (MRI), and ultrasound imaging

(section 3.3.2), following a comparison between the mentioned techniques in section 3.3.3.

3.1 History

Indicator- or tracer-dilution methods have been used in metabolic and circulatory studies for a

long time. They are being used for measuring blood flow, volume of distribution, translocation

across barriers, etc. For a comprehensive history of indicator dilution methods refer to [5].

Hering, professor at the Royal Veterinary School in Stuttgart, introduced the indicator

dilution method to measure hemodynamic properties, e.g., the blood circulation velocity.

Between 1824 and 1826 he carried out experiments in horses, which he published in 1829.

At that time he thought he had measured velocity, whereas he had measured the appearance

7



8 Chapter 3: Indicator dilution methods

time of the indicator.

In 1890, 65 years later, G.N. Steward published an abstract in which he described his

application of Hering's method to measure the appearance time, using NaCI as indicator. By

measuring the conductivity of the samples, he found that there was not only a delay, but also

a dispersion of the indicator. Not until 1897, Steward suggested that the indicator dilution

technique could be used to measure blood flow.

It took 30 years more before Steward's idea was picked up, using the indicator dilution

curves to calculate flow. Furthermore, his idea suggested that the area under the curve had

something to do with the flow. From the late 1920's until the 1940's William F. Hamilton

was the dominant figure in the indicator dilution field. He used the Hering-Steward technique

and a dye (a soluble colourant, used to provide contrast in the different tissues and organs)

as indicator. Hamilton also recognised that Stewart's calculation was only valid if no tracer

recirculation was present in the indicator dilution curve.

In 1950 Zierler et al. began using the indicator dilution theory to measure blood flow and

volume in the forearm of a man [6]. This research led to the insight that the first-passage

indicator dilution curve (without recirculation) is a result of its input (an instantaneous

injection) and the impulse response h(t) (see Chapter 6 for a in-depth explanation of h(t)).

h(t) is basically the function that describes the path between the injection and detection site.

3.2 Theory

This section describes the measurement theory for the three clinical parameters of interest,

namely: cardiac output (CO), ejection fraction (EF), and pulmonary blood volume (PBV).

Before going into detail, Fig. 3.1 shows a general shape of an indicator dilution curve (IDC).

An IDC is a graphical representation of the contrast agent concentration versus time

-C(t) measured downstream- as a result of a contrast agent injection upstream, while a

certain flow <I>(t) is present between the injection and detection point (see Fig. 3.1). The CO

is assumed to be a time continuous flow.

For a detailed derivation of the formulae given in the next sections, see [4, pp. 8-31].

3.2.1 Cardiac output

The indicator dilution theory assumes that the indicator in uniformly diffused into an un

known volume V, and the injected mass m of the indicator is known. Only then the unknown

volume can be determined. By combining the equations <I>(t) = dV(t)/dt and C(t) = dm/dV,

where <I>(t), V(t), m, and C(t) are the instantaneous flow, the volume of the carrier, the mass

of the tracer, and the tracer concentration at time t, respectively, Eq.(3.1) can be derived.

<I>(t) = dV(t) = _1_ . dm
dt C(t) dt

(3.1)
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Figure 3.1: An Indicator Dilution Curve Measurement.

Two main techniques make use of Eq.(3.1), one uses a continuous tracer infusion, and the

other one uses a rapid tracer injection. These techniques are discussed in section 3.3.1.

3.2.2 Ejection fraction

The indicator dilution theory for EF measurements is based on a mathematical interpretation

of the IDe. Notice that the forward ejection fraction (FEF, which is the EF minus the

regurgitant ejection fraction (REF)) is being measured, and that the indicator must be rapidly

injected into the ventricle.

input

output

Figure 3.2: Mono-compartment Model for LV EF Simulation.

A ventricle can be modelled as a mono-compartment system, as shown in Fig. 3.2. The

indicator is injected during the diastolic phase; after the nth end-diastolic phase, the contrast

concentration is given as Cn and equals the indicator mass m in the ventricle divided by

the end-diastolic volume ~d' The next systole, part of the mass (~m) is ejected out of

the ventricle, and the concentration at the (n + 1)th end-diastole drops to Cn+l, as given in
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Eq.(3.2), where 1/;;8 is the end-systolic volume.

Chapter 3: Indicator dilution methods

(3.2)

Combing Eq.(3.2) with the definition of EF, expressed as a percentage i.e., EF = VevVes .
ed

100%, yields Eq.(3.3).

(3.3)

The left ventricle (LV) can be well approximated by a single monocompartment model,

whose impulse response equals an exponential function. The IDC C(t) can be represented

as given in Eq.(3.4), where Co is the concentration after an instantaneous indicator injection

into the compartment after time t = 0, and T is the time constant of the system [7].

-t

C(t) = Co' er (3.4)

The time between the two samples is the time of one cardiac period t:J.t. So the concen

trations Cn and Cn+l should be measured t:J.t = J~ seconds apart, where HR is the heart

rate in beats-per-minute. The two points (Cn and Cn+d are chosen on the down-slope of the

IDC, to obtain the time constant T. The FEF can be estimated by combining Eq.(3.3) and

Eq.(3.4) into Eq.(3.5).

-(t+Ll.t)

F EF = 1 _ Cn +l = 1 _ e-T- = 1 _ e -:;t

C -t
n er

(3.5)

Eq.(3.5) is commonly used in IDC FEF measurements, however, the method is only valid

when the indicator is rapidly injected into the ventricle during the diastolic phase.

3.2.3 Pulmonary blood volume

The measurement of volumes by means of the indicator dilution theory is based on the mean

transit time (MTT), which is the average time the indicator needs to go from the injection to

the detection site. When the CO is known, the volume between the injection and detection

site can be calculated according to Eq.(3.6).

V=MTT·CO (3.6)
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3.3 Indicator dilution techniques & applications

3.3.1 Classic indicator dilution techniques

Continuous tracer infusion
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(3.7)

These techniques use large amounts of contrast, so the indicator (contrast agent) must be

absolutely inert, harmless, and not toxic, see [3, p. 138] and [4, p. 9]. Two indicators satisfy

these requirements, namely oxygen (02), which is used in the Fick technique, and heat, which

is used in the continuous thermodilution technique.

Fick Technique This technique makes use of two indicator concentration measurement

sites, one (site a) before the injection point, and one (site b) after the injection point. As

suming constant concentrations Ca and Cb, and a stationary flow <I>a = <I>b = dVjdt, Eq.(3.7)

can be derived.
<I> = dmjdt

Cb- Ca

The clue to this technique lies in the indicator (02) injection; oxygen is namely injected by the

lungs themselves. Ca and Cb are the venous and the arterial oxygen concentrations, and are

measured in the pulmonary artery and an arm artery, respectively. The mass of the injected

tracer (oxygen) is measured with a spirometer [3, p. 120].

Warm (continuous) Thermodilution Technique This technique uses heat as an indi

cator. The injected heat can easily be cleared through the blood vessel walls, so that the

distance between the injection and sampling site should be as short as possible. An electric

heater (resistor) continuously generates heat that is absorbed by the blood and thus injected

into the right atrium (RA), while the temperature is measured by a thermistor in the pul

monary artery (PA). The flow <I> (CO) can be calculated using Eq.(3.8), where q is the heat

(in Watt, comparable with the term dmjdt), Tb - Ta the temperature difference (in Kelvin,

comparable with the term Cb - Ca ), Cb the specific heat of the blood (in J.kg-1.K- 1), and

Pb the density of the blood (in kg o m-3 ).

(3.8)

The advantage of continuous tracer infusion techniques is the possibility of continuous CO

monitoring.

Rapid injection of the tracer

Rapid tracer injection techniques perform the injection of a small bolus of indicator. There

fore, due to the small amount, the constraints on the nature of the tracer are less restrictive.
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The basic principle of these methods relates to Eq.(3.1). However, in this context C(t) is

not constant. The indicator is rapidly injected into a fluid-dynamic system (Fig. 3.1) where

a carrier fluid (e.g., blood) is flowing, and the IDC is measured in a different site. The IDC

contains all the information to estimate the flow, whose value is derived from Eq.(3.1) by an

integration over time as shown in Eq.(3.9). The flow is assumed to be constant, so that <I>

can be moved out of the integration. The resulting formula, referred to as Stewart-Hamilton

equation, provides the measurement of the mean flow <I>.

(Xl [00 [00 dm m
Jo <I>C(t)dt = <I> Jo C(t)dt = Jo didt = m =* <I> = JoOOC(t)dt (3.9)

Since the circulatory system is a closed system, the contrast recirculates. As a conse

quence, the tail of the IDC is masked by the rises due to the contrast recirculation (Fig. 3.3).

In addition, depending on the measurement technique, the IDC is often very noisy. Therefore,

a model is necessary to fit the IDC and estimate the integral of Eq.(3.9).

First passage

time

Figure 3.3: The continuous line shows the theoretical IDC (first passage of the indicator) while the
crosses represent the measured IDC.

All the IDC methods are based on the following assumptions:

• The blood flow is constant during the measurement (about one minute).

• There is an instantaneous and uniform mixing of the tracer.

• The injection is so fast and can be modelled by a dirac impulse.

• The loss of indicator is either absent or known.

Measurement errors can occur if these assumptions are not met.

The use of different indicators leads to different sensors and techniques. The most common

techniques are cold thermodilution, dye dilution, and lithium dilution.

Cold Thermodilution This technique uses either cold dextrose or saline (blood-isotonic

solution, 0.9% NaCl) as an indicator. A Swan-Ganz catheter is inserted via a central vein
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through the right atrium and ventricle so that its tip lies in the pulmonary artery (Fig. 3.4).

It is carried in the right position by the dragging force of the flowing blood thanks to a

doughnut-shaped air-filled balloon on the tip of the catheter. The cold solution is injected

rapidly through a port of the catheter that ends at a side hole into the right atrium. The

cold solution mixes with blood into the right atrium and ventricle before passing through the

pulmonary artery, where the temperature decrease is sensed by a thermistor on the side of

the catheter. The CO is then calculated from the temperature-time curve.

termistor Tb

pulmonary
artery

-~T

cold saline to the
injected from rightatr~

syrin-=-ge • d U---.

balloon

Tbaseline ~-~~

recirculation

time

Figure 3.4: Swan-Ganz catheter for cold thermodilution. The IDe is measured by the temperature
fall.

With the same interpretation of heat and temperature that is used in Eq.(3.8), Eq.(3.9)

can be written as in Eq.(3.1O), where q is the total injected heat expressed in Joule and ~T

is the temperature fall expressed in Kelvin (Cb and Pb are the same as in Eq.(3.8)).

q
4>= 00

CbPb r -~T(t)dt
lt~

(3.10)

Dye Dilution This technique makes use of a coloured dye such as indocyanine green,

usually referred to as cardiogreen. Using the principle of absorption photometry, the concen

tration of cardiogreen, which is usually injected into the pulmonary artery, can be detected

by the light absorption peak at the wavelength of 805nm.

In the past, blood samples had to be drawn by a catheter placed in the femoral or brachial

artery and analysed by an external photometry device. Nowadays, the use of optical fibers

allows in-situ l measurements.

I Placed at the site of origin, in order to observe the process sample in an unmodified state.
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Once the system is calibrated, meaning that the peak absorption is related to the concen

tration C(t) of the dye, the flow is directly given by Eq.(3.9).

Lithium Dilution Lithium is a fluid that can be injected and detected by a specific sensor.

The sensor consists of a lithium-selective electrode in a flow-through cell. The transducer

measures a voltage E that is logarithmically related to the lithium concentration according

to the Nerst equation (Eq. 3.11), where C ext and Cint are the external and the internal (with

respect to the membrane) lithium ionic concentrations respectively, R is the gas constant

(8.314 J·mol-I.K- 1), T is the absolute temperature, F is the Faraday constant (9.6485·

104 C'mol- l ), and n is the valence of the ions, which for lithium ions (Li+) is 1.

E = RT In(C ext )

nF In(Cint )
(3.11)

The sensor is connected to a three-way tap on the arterial line and a small peristaltic

pump draws blood with a flow of 4.5 ml·min- l .

After calibration, the lithium concentration is determined and a lithium IDC is generated.

The time integral of the measured IDC is used as given in Eq.(3.9) for the CO assessment.

3.3.2 Contrast imaging techniques

Several medical imaging technologies (nuclear, magnetic resonance, and ultrasound imaging)

can be used in combination with a suitable contrast agent for IDC measurements. These con

trast imaging techniques are minimally invasive2 , and permit the simultaneous measurement

of several IDCs from different sites in the central circulation.

Radionuclide techniques for nuclear imaging (PET and SPECT)

In these techniques a small amount of radioisotopes, referred to as radiopharmaceuticals,

is peripherally injected. The radioactive decay of radioisotopes leads to the emission of

a and f3 particles as well as {- and x-radiation. Hence, the detection of the indicator is

performed by radioactivity measurements in a photon counter referred to as gamma camera.

The information detected and recorded by these scanners is analysed and processed to generate

images. In these images the concentration of the radiopharmaceuticals can be derived from

the average video density in a fixed Region OfInterest (ROI), so that an IDC can be obtained.

Contrast magnetic resonance imaging technique

In this technique a bolus of a paramagnetic contrast agent, such as gadolinium, is injected in

order to selectively alter the MRI image intensity of a particular anatomical region. Therefore,

the gadolinium concentration C(t) can be calculated from the signal intensity in a fixed ROt

2Catheterisation is not required. Only a peripheral intravenous injection of the indicator is needed.
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Contrast ultrasound imaging technique
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In this technique a bolus of an ultrasound contrast agent, made of a solution of micro-bubbles,

is injected into a peripheral vein and detected by an ultrasound transducer, so that an IDC

can be measured in a specific ROt This technique is explained in more detail in Chapter 4.

3.3.3 Comparison between the available techniques

Nowadays, what is considered the gold standard technique for CO measurements is the ther

modilution, especially the cold one, which also allows a simultaneous RV EF estimate. Still

common in the clinical practice is the dye-dilution method, especially after the introduction

of optical fibers. The Fick method procedure is more complicated, since it requires the use

of both a spirometer and a gas analyser. The use of lithium dilution is spreading due to

the less invasive approach. The indicator dilution methods can be easily performed in the

operating room during surgery and in the intensive care unit. The main disadvantage is the

catheterisation, which brings several risks and complications.

There is no unique approach for the simultaneous measurement of CO, LV EF, RV EF,

and blood volumes (ITBV, CBV, and PBV). Different techniques must be used, which make

the measurement a complex and slow procedure. Moreover, accurate measurements of CO

and especially blood volumes require catheterisation, resulting in very invasive applications.

The LV FEF measurement also requires catheterisation, as well as the assessment of the RV

FEF, whose geometrical assessment is rather complex.

In this context, contrast imaging techniques might permit the simultaneous and minimally

invasive measurement of CO, LV EF, RV EF, and blood volumes (ITBV, CBV, and PBV).

The measurements are based on the hemodynamics, therefore, they are directly related to

the cardiac efficiency.

Radionuclide techniques are neither applicable to patients under surgery or intensive care

nor to patients in special conditions (e.g., pregnant or breast feeding women). That is not

the case in ultrasound and magnetic resonance imaging, since the contrast agents used in

these techniques are safe. Another disadvantage of radionuclide techniques can be the low

spatial resolution of the acquired images (5-4 mm). In contrast, ultrasound and magnetic res

onance imaging produce high spatial resolution images (2-1 mm), which makes them suitable

techniques to the do the desired measurements.



Chapter 4

Contrast ultrasound imaging

After the introduction of the most common indicator dilution techniques and applications

(Chapter 3), the contrast ultrasound imaging technique (section 3.3.2), which is used for all

the measurements presented in this report, will be explained in detail in this chapter. The

procedure for IDC measurement using ultrasound will be presented at the end of this chapter.

This chapter is organised as follows: section 4.1 explains the basics of ultrasound echogra

phy and presents additional information on the clinical use of ultrasound in echocardiography.

With this background, the use of contrast agents in ultrasound imaging is presented in sec

tion 4.2. Finally, section 4.3 explains the ultrasound contrast agent IDC measurement.

4.1 Ultrasound principles

Sound waves propagate mechanical energy causing periodic vibration of particles in a contin

uous, elastic medium. Thus they can not propagate in a vacuum, since there are no particles

in a vacuum [8]. The initial energy creates a mechanical movement of a particle through com

pression and rarefaction, and is propagated through the neighbouring particles, depending on

the density and elasticity of the medium.

Sound waves are characterised by wavelength and frequency. Sound waves composed of

frequencies ranging from 15Hz to 20kHz are audible to the human ear. Ultrasound is defined

Table 4.1: The sonic spectrum.

Frequency Characterisation
117.1Hz Middle C
500Hz Underwater navigation
16kHz Upper limit of normal hearing
70kHz Upper limits of bats
~ 70kHz Sonar
500kHz-12MHz Medical imaging

17
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as sound above the range of the hearing of the human ear.

Table 4.1 gives some examples of the frequency of different sound waves [9].

4.1.1 Ultrasound physics

The wave equation

In order to understand the ultrasound technique, it is important to become familiar with the

principle on which the technique is based. The basic physics starts with the wave equation.

After all, a sound wave is a wave, which is a function of both space and time, and can therefore

be described by the wave equation as in Eq.(4.1).

(4.1)

In Eq. (4.1) A is the amplitude of the wave, v the wave velocity, z the propagation axis,

and t the time. In addition w is the frequency of the wave in radians per second. A solution of

Eq.(4.1) is given in Eq.(4.2), where Ao is the maximum displacement of the wave with respect

to the equilibrium, f3 the wave number (in radians/meter), which is equal to w/v. The part

(wt - f3z) is the phase (in radians) of the wave [10].

A(t, z) = Aoej (wt-,I3z) (4.2)

The real part and the imaginary part of Eq.(4.2) are Ao·cos(wt-f3z) and Ao·sin(wt-f3z),

respectively. Therefore, the wave is a harmonic function of time and space.

Propagation velocity and wavelength

Sound waves are characterised by wavelength and frequency. The velocity v of a sound wave

in a medium, is related to its wavelength A and frequency f by Eq.(4.3) [8]:

v = Af. (4.3)

Since the frequency remains constant in the medium, even when there is a change in

the medium, such as from soft tissue to fat, the velocity of the sound or propagation speed,

determines the wavelength. Because the frequency remains unchanged when a sound wave

enters from on medium to another, the resultant change is experienced in the wavelength and

the direction of the propagation determined by the principle of refraction.

The ultrasound propagation velocity is equal to J Bp-l, where B is the bulk modulus

(Pa = kg'm- 1's- 2 ), which is the stiffness of the material, and p is the density of the medium

(kg·m- 3 ).
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Table 4.2: Acoustic impedance, wave velocity, and density of several tissues, water, and air.

Tissue Velocity (m.s -1) Density (kg.m oil) Acoustic impedance (kg·m -'2. s -1)
Bone 3760 1990 7.48
Skin 1537 1100 1.69
Muscle 1580 1041 1.64
Fat 1476 928 1.36
Blood 1584 1060 1.68
Water 993 1527 1.52
Air 330 1.2 0.0004
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The acoustic impedance, another important material property, can be expressed as a com

plex quantity in the same manner as electrical impedance [9]. However, it can be considered

in a simple form for most practical medical applications. The acoustic impedance Z of a

material is the product of the density p and the speed of sound in the medium v, as depicted

in Eq.(4.4).

Z =pv (4.4)

Table 4.2 presents the wave velocity, the density and the acoustic impedance of several

types of tissue [9].

Acoustic intensity, reflection and transmission

The energy carried by the acoustic wave is defined by its intensity I, which can be defined as

the energy passing through unit area in unit time (J.s- 1·m-2 ), or the power passing through

unit area (Watt·m- 2 ). The intensity I is given as in Eq.(4.5) [4, p. 36]:

1 2
1= "2Z(w.A) . (4.5)

If a longitudinal wave travelling through a medium meets an interface to a different

medium, reflection and/or transmission of the wave will occur. Echography is based on this

physical principle. The laws of geometric reflection can be applied as long as the wavelength

of the ultrasound wave is small compared to the dimensions of the interface.

Considering a wave as in Fig. 4.1, travelling through medium 1 with acoustic impedance

Zl and impinging upon an interface to medium 2 with Z2 at an angle ai, a portion of the wave

will be reflected at an angle aT, equal to the angle of incidence (so ai = aT)' Some part of

the wave is transmitted at an angle at given by the Snell's law1. Given that the discontinuity

between medium 1 and 2 is described in terms of the acoustic impedance, together with the

fact that the wave frequency remains the same across the discontinuity (as stated earlier in

this section), Eqs.(4.6) to (4.8) can be derived.

lSnell's law is defined as .ina; = ~, where VI and VI are the velocities of the wave in media 1 and 2,
8tnQ;t V2

respectively. The subscripts i, T, and t refer to the incident, reflected, and transmitted waves respectively.
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Medium 1 Medium 2

-----+ Z

Figure 4.1: Oblique incidence of an acoustic wave from medium 1 to medium 2.

When the incidence angle is not equal to zero, the amplitude Ar of the reflected wave

and the amplitude At of the transmitted wave are related to the amplitude Ai of the incident

wave according to Eq.(4.6):

Z2 cosai - Zl cosat

Z2 cosai + Zl cosat'
2Z2 cosai

(4.6)

The equations are often simplified by assuming normal incidence, so the cosine terms all

become equal to one. Substituting ai=ar=at=O into Eq.(4.6) yields Eq.(4.7):

(4.7)

Combining Eq.(4.5) with Eq.(4.7) results in the intensity reflectively Ir / Ii and the intensity

transmittivity It/Ii as given in Eq.(4.8) [9J:

(4.8)

According to the energy conservation principle the incident acoustic intensity equals the

sum of the reflected and transmitted acoustic intensity, i.e., Ii = Ir + It. Finally, recalling

Table 4.2, a few examples of reflections of soft tissue are presented.

kidney/muscle = 0.03 I soft tissue/bone = 0.65 I tissue air coupling = 0.999
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Attenuation
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Up until now, the conducting medium was assumed to be lossless for ultrasonic propagation.

However, as with electromagnetic radiation, the energy loss of sound waves occurs as the

waves propagate in a medium. The reduction of the intensity or pressure of a wave passing

through a medium is referred to as attenuation. The attenuation is caused by a number of

effects: reflection, wave mode conversion (longitudinal to shear), beam spreading, scattering

and adsorption. It varies linearly with the frequency, because both scattering and adsorption

are frequency dependent.

The intensity of a wave decays exponentially, 3...., given in Eq.(4.9), where 10 is the initial

intensity, z is the covered distance, and a the adsorption coefficient in Neper·cm- 1 [4].2

4.1.2 Ultrasound modes

1= loe- 2az (4.9)

The core of a conventional ultrasound image system is a piezoelectric crystal-based transducer

that works as a transmitter as well as a receiver based on an electronic transmitter/receiver

switching circuit [8]. When transmitting, a piezoelectric crystal converts an electrical signal

to sound energy. After a sound wave is transmitted, the same crystal can work a certain time

(until another sound wave needs to be transmitted) as a receiver, to convert the echoes that

return from inside the body to electrical signals.

ultrasound
transducer

~

discontinuity
at distance d

~

ultrasound

""'--'''-r""'-..''--/"""'-../'-------...r""'.../'~t=~T-./21-----~ ab~:tjOn

Figure 4.2: Distance estimation by means of echography. At the right-hand side of the water-filled
basin a ultrasound absorption layer prevents reflection, so only reflections from the discontinuity are
received.

The known acoustic velocity (see Table 4.2) together with the delay of the received echoes

can be interpreted in terms of distance. This distance d between the transducer and the

discontinuity can be calculated according to Eq.(4.10), where v is the ultrasound velocity in

the tissue, and T is the measured time interval between the transmission and reception of

the echo. Because the echo travels to the discontinuity and back, a factor 0.5 is taken into

account, as can be seen in Fig. 4.2.

d= vT
2

(4.10)

2Although the adsorption coefficient in Eq.(4.9) is given in Neper·cm- 1
, the a is very often measured in

dB .cm-1. MHz- 1



22 Chapter 4: Contrast ultrasound imaging

The ultrasound scanner can be set to several modes, each for different applications (mea

surements). The modes A, M, B, and 3-D will be explained in the paragraphs below [8].

A-Mode

The A-Mode (amplitude) records the amplitude of returning echoes from the tissue disconti

nuities (boundaries) with respect to time. A-Mode based data acquisition is the basic method

in all modes of diagnostic ultrasound imaging. The great advantage of this technology is the

possibility of distance measurements of the tissue structure, and the computation of inter

faces along the ultrasound beam. Early applications of A-mode were examination of brain

lesions, ophthalmologic (eye) investigations, and examinations in obstetrics and gynecology

(e.g., pregnancy assessment) [11]. Figure 4.3 shows an example of an A-mode image.3

M-Mode

The M-Mode (motion) provides information about the variations in signal amplitude due to

object motion. The transducer has a fixed position, and generates multiple pulses in sequence,

so the movement of tissue along one line can be made visible. The M-Mode uses A-mode

information to display the echoes from a moving organ, by plotting the A-lines next to each

other. The x-axis represents the time, while the y-axis indicates the distance of the echo from

the transducer. Some applications of M-mode are the detection of cardiac valvular motion,

and fetal cardiac movement detection. Figure 4.4 shows an example of an M-mode image.3

B-Mode

The B-Mode (brightness) provides two-dimensional images representing the changes in acous

tic impedance of the tissue. The first 2-D images of the tissue structure were obtained by

mechanical translation of the transducer across the patient's skin. Each separate line of

the image was thus formed by a different A-Mode line. However, advanced developments

of 2-D transducers followed rapidly. The latest technologies are based on electronic array

processing and allows the focalisation and steering of the ultrasound beam to different direc

tions [4, pp. 46-47]. The transducer size can be kept small due to this new technologies, so

the ultrasound beam can pass between the ribs to examine the thorax. Figure 4.5 shows an

example of an B-mode image recorded with a convex transducer.3

3D-Mode

The 3D-Mode provides three-dimensional images. 3-D images are obtained by mechanical

translation of the transducer or by 3-D beam steering. The basic idea is the same as obtaining

2-D images from A-mode lines. Instead, the B-mode measurement is repeated along the third

3Source of image: http://www.ob-ultrasound.net/sliceabd . html
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Figure 4.3: A-Mode image. Figure 4.4: M-Mode image.
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Figure 4.5: B-Mode image.

dimension to obtain a 3-D view. Figure 4.6 shows two examples of 3D-ultrasound imaging, a

26 weeks old foetus and an image of the heart.4

•

Figure 4.6: 3D-Mode images, on the left hand side a 3D-ultrasound image of a 26 weeks old foetus,
and on the right hand side an image (inverted colours) of the left ventricle during systole. The left
cardiac image is the original images, the right cardiac image is the smoothed version.

4.1.3 Ultrasound characteristics

Besides the ultrasound scanning modes, the characteristics presented in this section will be

explained, because they influence the quality and the limitations of the ultrasound technique.

Pulse repetition frequency

The Pulse repetition frequency (PRF) determines the rate at which pulses are emitted from

the transducer [9J. Equation (4.10) states that the reflected echo from a certain distance d in

4Source of the foetus image: http://www.babyimage.nl/BI3DFoto . html, source of the cardiac image: http:
//www.math.sk/mikula/geomdiff.html.
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the body is detected after 2d/v seconds. In practice, the maximum depth to be measured, is

of course given, and thus determines the maximum pulse repetition frequency according to

Eq.(4.11) [3J.
V

fpRF< -2d
max

(4.11)

When assuming that deep tissue (situated deeper than the maximum depth) is present, these

tissues will contribute to the echoes as noise. Nevertheless, the amplitude of the noise will be

small since tissue attenuation is exponential to depth.

Axial resolution

The axial resolution of an ultrasound scanner is its ability to differentiate between two discon

tinuities on the same axis of propagation. In general, the ultrasound scanner can distinguish

between two discontinuities which lie VTpulse /2 apart from each other, where v is the ultra

sound velocity in the tissue, and Tpulse is the time length of the pulse. Common values are:

v ~ 1400m·s-1, Tpulse = l/-Ls (assuming 5 cycles at 5MHz), resulting in a resolution distance

d'3f.O.7mm.

Lateral resolution

The lateral resolution of an ultrasound scanner is a measure of the narrowness of the ultra

sound beam. Two points covered by the main lobe cannot be distinguished. The lateral

resolution is also determined by the side lobes of the transducer (resulting in side lobe ar

tifacts) which results in a reduction of the lateral resolution. Refer to [4, pp. 43-45J for an

detailed overview of lateral resolution.

Swept gain control

As explained in section 4.1.1 (attenuation) the intensity of a wave decays exponentially. To

compensate for this tissue attenuation the gain of the system is varied [4, 9J. The ultrasound

scanner applies a logarithmic non-linearity, which is referred to as the Swept Gain function.

Swept gain control is also referred to as Time Gain Compensation.

4.1.4 Ultrasound probes

The detection of contrast agents with an ultrasound scanner can be performed in varies ways,

and from different positions in or on the body.

The ultrasound images used in this thesis, are taken from the heart. Echography imaging

from the heart is referred to as echocardiography. The image in Fig. 4.8 is a transthoracic

echocardiogram (TTE) image. In this case, the echocardiographic transducer (or TTE probe)

is placed on the chest wall (or thorax) of the subject, and images are taken through the
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chest wall. Another method to perform an echocardiogram is to insert a specialised scope

containing an echocardiographic transducer (TEE probe) into the patient's esophagus, and

record pictures from there. This is known as a transesophageal echocardiogram, or TEE. The

advantages of TEE over TTE are clearer images, since the transducer is closer to the heart.

Some structures are better imaged with the TEE, e.g., the aorta, the pulmonary artery, the

valves of the heart, and the left and right atria. While TTE can be performed easily and

without pain for the patient, TEE may require light sedation and a local anesthetic lubricant

for the esophagus. Unlike TTE, TEE is considered an unpleasant procedure, and is often

performed under anaesthesia.5

Finally, it is important to stress the difference between echographic images and normal

photographs. Echographic images are slices of a part of the body, similar to MRI images. An

example of those slices, as well as the difference between TTE and TEE images can be seen

in Fig. 4.76 .

TTE TEE

Figure 4.7: Illustration of slices of the heart and the difference between TTE and TEE.

4.2 Ultrasound contrast agents

As described in section 3.3.2, several medical imaging technologies can be used in combination

with a suitable contrast agent for IDC measurements. This section presents the basics of

ultrasound contrast agents (UCAs).

5http ://en.wikipedia.org/wiki/Echocardiography
6http ://www.drabo.de/com/pe/tte_tee.jpg
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4.2.1 History

UCAs are a solution of micro-bubbles, which are smaller than red blood cells (diameter

micro-bubbles 1f.1m to 10f.1m) and were studied since the eighties, when it was accidentally

discovered that air bubbles could be detected in the bloodstream after injections of agitated

aqueous solutions. Since that time, slow but considerable progress was made, both in the

ability to manufacture ultrasound contrast agents, and in the ability of ultrasound equipment

to detect these agents [12].

The first generation of UCAs were created by dispersing air in the aqueous phase, creating

micro- and macro-bubbles. Presence of solutes in the aqueous phase may further enhance

micro-bubble formation. The disadvantage of the air-filled first generation micro-bubbles

without a shell was that the deflation process occurred rapidly.

An agent was needed with greatly increased circulation time (at least several minutes in

the bloodstream), so that the question of tissue perfusion imaging could be tackled. This

resulted in the second generation of UCAs. Generally, two approaches, or a combination of

both approaches, were applied. The first one was based on the use of low-solubility gases,

mostly, fluorinated ones. The second approach was based on the construction of a thick

gas-impermeable protective micro-bubble shell [12].

The third generation of UCAs used in clinical development use gases other than air, such

as perfluorocarbons. The advantage of these gases is that they are less soluble in water

(and plasma). They not only provide stronger Doppler enhancement but also have a longer

duration; about 10 minutes after a bolus injection [12].

4.2.2 Interaction of micro-bubbles and ultrasound

The purpose of the UCA is a significant increase of the ultrasonic energy backscatter. The

simplest explanation of this effect is the reflection across the blood-air discontinuity (see

Table 4.2).

An important characteristic of the bubbles is the non-linear response. This behaviour can

be used to distinguish the echoes due to contrast from those due to tissue.

One technique is referred to as harmonic imaging, in which the system transmits at one

frequency (resonance frequency of the transducer), but is tuned to receive echoes preferentially

at a different frequency. This is possible because the the reflected ultrasound wave contains

not only the fundamental frequency of the transducer, but also harmonics (i.e. sub-harmonic

(about half of the fundamental harmonic), ultra-harmonic (between the fundamental and the

second harmonic), second harmonic, and higher harmonics [4]). For these frequency of the

harmonics, the signal due to contrast shows larger amplitudes with respect to that due to

tissue.

Alternative techniques involve the modulation of the amplitude and the phase of the trans

mitted ultrasound. The implementation of an amplitude modulation, referred to as power
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modulation, allows detecting the bubble non-linear response in fundamental harmonic. Typi

cal implementations use the transmission of three adjacent ultrasound pulses. The amplitude

of the central pulse is twice as that of the side pulses. The receiver sums the reflections of

the side pulses and subtracts the reflection of the central pulse. Therefore, this technique

allows detecting the non-linear response of bubbles while deleting the linear response of tissue

structures. The power modulation technique is used to obtain the measurements used in this

report.

A complete mathematical derivation of the interaction between ultrasound and contrast

agents can be found in [4, pp. 49-62], and is beyond the scope of this thesis.

4.3 Measuring indicator dilution curves

The measurement data used in this thesis are indicator dilution curves (IDCs), obtained in

the Dept. of Cardiology of the Catharina Hospital in Eindhoven.

To obtain the indicator dilution curves from the RV, LA, and LV, the following steps are

performed.

1. Calibration of the ultrasound scanner. The relation between acoustic intensity and contrast

concentration must be determined due to the requirement of linearity, so the absolute values

of the IDCs can be calculated (also see [4, pp. 69-79]).

2. Peripheral injection of a bolus of ultrasound contrast agent. Just a single bolus injection

into an arm vein is necessary and makes this method minimally invasive. The UCAs used

to measure acoustic intensity curves, are SonoVue® (Bracco, Milan, Italy) and Optison®

(Amersham General Electric), though IDCs measured with Optison were not used in the

final results, due to the large attenuation effect.

3. Detection of the contrast agent with an ultrasound scanner. A Sonos 5500 ultrasound

scanner (Philips Medical Systems), was set in B-Mode and power modulation mode to

detect the UCA. The scanner produces images with a sample frequency of 20Hz (twenty

2-D images per second).

4. Image processing to extract the acoustic intensity curves. In QLAB® (@ 1997-2002 Philips

Ultrasound), three Regions ofInterest (ROIs) were place on the RV, LA, and LV, to obtain

the acoustic intensity curves (as can be seen in Fig. 4.8). The resulting data files (Excel

format) can be read by any data processing program.

5. Parameter extraction. The acoustic intensity curves are first transformed to IDCs by

attenuation compensation. Finally, the wanted parameters (EF and PBV) are derived by

signal processing routines implemented in Matlab® (@ 1984-2002, The MathWorks, Inc.).

The signal processing part will be explained thoroughly in Chapter 6.
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Figure 4.8: Image processing (in QLAB) to extract the acoustic intensity curves.



Chapter 5

Indicator dilution curve models

In chapter 3 it is explained how several clinical parameters (CO, EF, and PBV) can be de

rived from an indicator dilution measurement. However, noise affects the measured indicator

dilution curves (IDCs). The noise due to the closed circulatory system corresponds to a rise

of the IDC tail due to the contrast recirculation (Fig. 3.3), so that the IDC tail has to be

estimated by a proper IDC model. Other noise sources for echographic IDC measurements

are: bad mixing of the contrast, blood acceleration artifacts, acoustic reverberation, speckle,

backscatter oscillations due to pressure variations, bubble disruption due to ultrasound pres

sure, and patient movement [4, p. 79]. The IDC model provides similar effects as a filter when

the IDC is fitted by the model, thus (partially) removing the noise.

A model is thus needed to (partially) overcome recirculation and other types of noise,

and to extract certain parameters from noisy IDCs. Furthermore, a model provides noise

free IDCs for use in simulations to test the measurement methods presented in this thesis.

To create accurate simulations it is also very important to know the noise components and

characteristics, so that the simulations resemble the measurement data (IDCs) from patients.

This chapter is organised as follows: section 5.1 presents a number of models that can

be used to model an IDC. Furthermore, it justifies our choice for a particular model, Le.,

the Local Density Random Walk (LDRW) model, for use in this research (measurements

and simulations). Section 5.2 presents the application of the LDRW model as a basis of the

simulations.

5.1 Overview of the indicator dilution curve models

Two groups of models used for IDC fitting can be distinguished, namely the compartment

models and statistical models [4].

The first group models the dilution process a" a cascade of n (n = 1,2, ... , n) mixing

chambers, where each mixing chamber is a linear system represented by an impulse response.

The mono-, two-, and multiple-compartment models are explained in sections 5.1.1, 5.1.2,

29
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and 5.1.3, respectively.

The second group models the dilution process as a statistical distribution, e.g., the log

normal distribution and the gamma-variate distribution (section 5.1.4).

Nevertheless, it is desirable for a dilution model to provide a physiological interpretation,

so that further useful clinical information may be obtainable from the whole curve [13]. Two

models that are based on the physics of the dispersion process are the First Passage Time

(FPT) model and the Local Density Random Walk (LDRW) model, both are random walk

type models (discussed in section 5.1.5). The models are derived by solving the diffusion

equation.

5.1.1 Mono-compartment model

This model was developed by Hamilton. He noticed that after a sharp rise of the IDC, the

tail resembled an exponential function. The model is described by Eq.(5.1), which represents

the impulse response of a mono-compartment model,

t-to
C(t) = C(to) . e- T (5.1)

where C(t) is the IDC, T is the time-constant of the exponential decay, to is the injection

time, and C(to) = m/V is the indicator concentration at to, where m is the indicator mass,

and V the volume in which the indicator is dissolved.

Equation (5.1) is the solution of the differential equation VdC(t) = -C(t)(J}dt of the

system shown in Fig. 5.1, where h is the impulse response of the compartment, and (J) the

instantaneous flow of the carrier.

h
0.8

C § 0.6

<1>---7

V 04

02

0
0 10 15 20 25 30

t (5)

Figure 5.1: A schematic drawing of a mono-compartment model (left) and its concentration-time
curve, where C(to)=l, to=5s andT=10s (right).
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Mass conservation principle

31

The tracer mass in the system doesn't change, assuming that no tracer disappears before

detection. Therefore, the variation of tracer mass in the chamber equals the mass that leaves

the chamber. The mass conservation law thus applies as in Eq.(5.2) (assuming constant flow),

100 m
C(t)dt = 

o <I>
(5.2)

where <I>=uA is the fluid flow with constant velocity u, and A is the section of the tube.

5.1.2 Two-compartment model

This model is based on the cardiac functionality, where two mixing chambers per heart side

are present (the atrium and ventricle) in cascade, as shown in Fig. 5.2.

Solving the differential equations of the system, depicted in Eq.(5.3), results in Eq.(5.4)

that describes the two-compartment model. The injection time is assumed equal to zero,

71 = Vl/<I> and 72 = V2/<I> , and C1(t) and C2(t) are the contrast concentrations in the two

chambers with volume VI and V2, respectively.

(5.3)

(5.4)

Figure 5.2 shows an example of the (normalised) C2(t) curve of Eq.(5.4), where hI and h2

are the impulse responses of the two mixing chambers.

h, h,

Figure 5.2: A Schematic drawing of a two-compartment model (left) and its concentration-time curve
C2(t) for to=O (right).
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5.1.3 n-compartment model

By the same procedure as in section 5.1.2, the nth system equation can be derived when

considering a cascade of n equal chambers. The result is the concentration curve for the nth

(where n ~ 2) chamber, as in Eq.(5.5). The equation is a summation of a number of exponen

tial fuctions equal to the number of compartments. Figure 5.3 shows the concentration-time

curves for n=3, 4, 5, and 6.
t n - 2 _.!meT

Cn(t) = V T n- 1 (n - 2)! (5.5)

Nonetheless, using n-compartment models (n ~ 2) does not lead to better results in terms

of representation and interpolation of a real dilution system [4, p. 83]

25 30

Figure 5.3: The concentration-time curve Gn(t) of the n-compartment model. Four different curves
are plotted for n=3, 4, 5, and 6.

5.1.4 Statistical distributions

Two other models commonly used to fit IDes are the lognormal distribution and the gamma

variate distribution, both statistical distributions.

Lognormal distribution

The lognormal distribution can be formulated as given in Eq.(5.6),

C(t) = { 0 A (In(t)-IL)2
--e 2<1 2
v"27r ut

t~O

t>O
(5.6)

where A is the scale factor of the model, (J is related to the skewness of the curve, and J.L is

related to the peak-concentration time.
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Gamma-variate distribution

The Gamma-variate distribution can be formulated as given in Eq.(5.7).

33

t::::;o
t> 0

(5.7)

The gamma-variate distribution curve behaves similar as the curves discussed in section

5.1.3, where a resembles n-2 and (3 resembles l/T, so no concentration-time curves are plotted

for this distribution.

5.1.5 Random walk type distributions

The term random walk is associated with an indicator transport that is determined by both

convective and diffusion processes [13]. The indicator is regarded as moving in a flow with

constant velocity u and spreading out by diffusion during the movement.

Two random walk type models are mathematically described by random walk functions,

namely the Local Density Random Walk (LDRW) model and the First Passage Time (FPT)

model. The concentration-time curve for local densities around the sampling site, is given

by Eq.(5.8) for the LDRW model, while the first passage or first arrivals of the indicator

distribution at the sampling site is given by Eq.(5.9) for the FPT model [13].

C(t)

C(t) =

(5.8)

(5.9)

The only difference between the LDRW and FPT model is that the FPT model hypothesis

only allows a single passage of the indicator, as if an absorber layer captured the indicator at

the detection site, while the LDRW model hypothesis allows multiple passages.

Figure 5.4 shows three possible curves ofthe LDRW and FPT model described by Eqs.(5.8)

and (5.9), respectively. The area under the curves is equal to m/ifJ, Jt is the transit time of

the median particle between injection and detection sites, and A. = Jtu2/2D = JtifJ2/2DA2 is

the skewness (shape factor), which determines the asymmetry of the curve, decreasing with

increasing asymmetry. The skewness factor A. is thus related to the diffusion constant D,

but is also directly related to the Peclet number, which measures the relative contribution of

convection and diffusion with respect to the tracer transport. The diffusion constant and the

Peclet number link the random walk type distributions with physics.



34 Chapter 5: Indicator dilution curve models

LDRW model FPT model

605030 40
Time (8)

605040

Figure 5.4: LDRW model (left) and FPT model (right) for A equal to 2, 5, and 10. The mean transit
time f.L is fixed to lOs, because it is the average value found in patient data (see Fig.5.5).

5.1.6 Which model to choose?

First of all, it is generally agreed that the most accurate approach of fitting IDCs is given by

fitting them with random walk type models [13J.

Furthermore, from the results of [13J can be concluded that for low values of A (S; 2.0)

as well as for higher values (A 2: 3.8), the Local Density Random Walk distribution gives a

better fit than the First Passage Time distribution.

Although both the LDRW model as well as the FPT model perform very well in terms

of least square error and correlation, the LDRW model has been chosen for usage in the

simulations, and for in-vitro and in-vivo measurements, based on the results in [13] and the

physiological interpretation of the model.

5.2 Simulations

The LDRW model has two parameters that determine the shape of the curve, namely J-L and

A. The values used for these two parameters, should be carefully chosen, to resemble the

situations found in patient data, and thus provide reliable simulations.

Optimising and testing the measurement methods to determine the EF and PBV (see

Chapter 6), require simulations. As a basis for the simulations, patient data (80 measure

ments) are analysed to extract1 the J-L and A parameter from the curves. Figures 5.5 and 5.6

present the results of the analysis, for J-L and A, respectively.

The mean MTT for the RV, LA, and LV IDCs is 5.2, 8.3, and 11.4, respectively, and the

standard deviation for the RV, LA, and LV IDCs, is 3.2,3.6, and 4.2, respectively. Considering

the statistical results and Fig. 5.5, the LA IDCs with a J-L ranging from 4 to 13 seconds should

lSee Chapter 5 of [4] for more information on the fitting algorithm and parameter extraction.



5.2 Simulations 35

be used for EF measurement simulations. The LV IDC is generated (in simulations) from the

LA IDC and the system impulse response, and should have a MTT between 7 and 16 seconds.

The mean lambda for the RV, LA, and LV IDCs is 2.7,3.2, and 5.1, respectively, and the

standard deviation for the RV, LA, and LV IDCs, is 2.5, 2.8, and 2.9, respectively. Thus, as

for >., IDCs with>' ranging from 2 to 7 should be considered.
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Figure 5.5: Results of the analysis on a data set of 80 in-vivo measurements, to determine the mean
transit time J..l of the RV, LA, and LV.
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Figure 5.6: Results of the analysis on a data set of 80 in-vivo measurements, to determine the shape
factor). of the RV, LA, and LV.



Chapter 6

Echocardiographic ejection fraction

& pulmonary blood volume

measurement

A number of measurement methods to measure the EF and PBV have been presented in

Chapter 3. This chapter presents a relatively new approach (refer to [14-16]) to measure

the EF and PBV by means of ultrasound and the indicator dilution theory. The methods

mentioned in this chapter are based on previous work. The improvements and additions of

the described methods in this chapter are discussed in Chapter 7.

The EF can be estimated by dilution system identification, which is based on the estima

tion of the impulse response l of the dilution-system between the detection sites. The EF can

then be calculated using the impulse response. This method is presented in section 6.l.

The PBV can be estimated in a similar manner as the EF, namely by dilution system

identification. The resulting impulse response, one IDC, is fitted. Another method fits the

input and output IDC from which the transit and resident times of the two IDCs are calculated

to estimate the PBV. Both methods will be presented in section 6.2.

6.1 Ejection fraction measurement

The 'rapid tracer injection' methods given in section 3.3.1 are based on a fast bolus injection

into the ventricle during diastole (the filling phase of the heart), which is a rather invasive

procedure (Holt method). The dilution system identification technique allows to avoid the

indicator injection into the ventricle.

1 An Linear-Time-Invariant (LTI) system is completely specified by its impulse response h(t). Alternatively,
an LTI system can be completely specified by its frequency response, referred to as transfer function H(w)
(or its equivalent H(s) in the Laplace domain). A third way to specify an LTI system is by its characteristic
linear differential equation. Which representation is most useful depends on the application.
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It is based on a peripheral injection of an ultrasound contrast agent bolus. The LA and LV

acoustic intensity curves are recorded versus time with an ultrasound scanner. The LA curve

is corrected for attenuation distortion, because it lies in the shadow of the LV (see Fig. 4.8).

The shadow is time-varying and is a result of the double passing through the contrast filled

LV of the ultrasound waves that detect the contrast in the LA. The curves are then ready to

be processed by an adaptive Wiener deconvolution filter, to estimate the LV impulse response.

The EF can be estimated by fitting the impulse response using the mono-exponential model

from Eq.(5.1), and substituting the resulting T into Eq.(3.5). Note that this technique, as all

indicator dilution techniques, measures the Forward Ejection Fraction (FEF), which excludes

regurgitant volumes (see section 2.3.2). Figure 6.1 shows a schematic block-diagram of the

complete algorithm to estimate the EF, as given in above text.

ACQUstlC

Extract acoustic
intensity Preprocess Prefilter Attenuation- intensity curves~ acoustic f---+ (acoustic intensity compensation

intensity curves curves)

~ Indicator
dilution
curves

~ I

ImpUlse
Ejection Calculate' t Fit impulse response syste~
Fraction iejection fractionr response identification

i

Echo
Images

Figure 6.1: Schematic block-diagram of the algorithm to estimate the FEF.

6.1.1 Extract acoustic intensity curves

The acoustic intensity curves are acquired by placing two ROls, on the LA and LV, in the

image processing program QLAB. Within each ROI, the average acoustic intensity (grey

value) per frame (at approximately 20 frames per second) is calculated and saved. As a

result, each curve comprises 1200 values when the image length is 60 seconds.

The data are saved to an Excel (.xls) file, containing three columns, where the first, second,

and third column contain the RV, the LA, and the LV data, respectively. Furthermore, we used

a fourth column for storing variables, such as heart rate, sample frequency, cardiac output, or

results from previous measurements. The data in the fourth column is also imported, so the

variables do not have to be manually inserted. Another advantage of storing the variables in

a column, is the downward extendibility with as many variables as needed. The description

of the variables is stored in the fifth column, but is not imported. An example of this data

storing format is shown in Fig. 6.2.

6.1.2 Preprocess acoustic intensity curves

After importing the curves (in Matlab), the baseline is adjusted by subtracting the minimum

value from the whole curve, to correct the zero-level bias. Furthermore, the gaps in the curves
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5.51223 5.87998 5.50169 65 heart rate
5.49066 5.85369 5.49928 17.43 sample frequency
5.51539 5.94038 5.50873 3.4 cardiac output

5.5145 6.135 5.51672 34 ejection fraction
5.50064 5.83895 5.50861

...... ...... . .....

Figure 6.2: An example of the used data storing format in a spreadsheet program.
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have to be filled. They are caused by the ultrasound scanner that can record a maximum of

20 seconds, whereas the IDCs have a length of 40 to 60 seconds. The gaps length is commonly

about three seconds, and the two or three parts of the acoustic intensity curve are connected

to each other with a line in the logarithmic domain, resulting in an exponential decay, as can

be seen in Fig. 6.3 (the gaps occur in the tail of the IDC).

6.1.3 Prefilter (acoustic intensity curves)

The acoustic intensity curves are quite noisy with an SNR of about 15dB. However, SNRs

lower than 12dB have never been encountered in the experimentation. A 4th order Finite

Impulse Response (FIR) filter with a cut-off frequency of 1/10 of the Nyquist frequency

U8/2) is implemented to smooth the curves.

Figure 6.3 shows the acoustic intensity curves before and after applying the prefilter,

together with the prefilter's magnitude response.

6.1.4 Attenuation compensation

The relation between the measured acoustic intensity and the real contrast concentration is

distorted by several non-linearities, despite the linearity of the contrast dilution system [4,

pp. 135-138]. However, the deconvolution technique (see section 6.1.5) requires the linearity

of the system, and therefore, the non-linearities should be compensated.

The relation between the contrast concentration and acoustic backscatter is non-linear.

However, for low contrast concentrations, the relation is linear, so the injected dose of contrast

should be very small.

A second non-linearity is the attenuation of the LA acoustic backscatter, because the LA

ROI is situated behind the LV ROI (Fig. 4.8) looking from the transducer to the LA ROI. This

non-linearity is caused by the double passing through the contrast filled LV of the ultrasound

waves that detect the contrast in the LA.

The attenuation effect on the LV acoustic intensity curve is approximately constant, since

it is mainly due to the tissue between the transthoracic transducer and the LV apex, and

does therefore not influence the linearity of the relation between contrast concentration and

acoustic intensity. As a consequence, the attenuation of the LV acoustic intensity can be
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Figure 6.3: The LA and LV acoustic intensity CU'f'Ves (top left), serve as an input for the FIR filter,
with its magnitude response shown in the middle. The filtered curves show the fine smoothing effect of
the 4th order FIR filter (top right).

neglected. When neglecting the LV acoustic intensity attenuation, the LA intensity curve can

be compensated, using the information derived from the LV acoustic intensity curve and the

echo images according Eq.(6.1),

(lLYJ!l.)
(
I -4ar) ILVm

hA(t) = 1LA(t) . e4ar . L~ax e ax
lLAmax

(6.1)

where hA(t) and 1LA(t) are the LA acoustic intensity curves without (compensated curve)

and with (measured curve) attenuation, respectively, a is the stationary attenuation coefficient

due to physiological structures2 , e.g., tissue and blood, r is the distance between the LA and

LV ROI2, 1Lv(t) is the LV acoustic intensity curve with attenuation (measured curve), and

2The attenuation coefficient is often expressed in dB·em-1·MHz- 1 However, to substitute a into Eq.(6.1) it
must be converted according a=0.115·adB. Given the standard value 0.3dB-em- 1·lVIHz- 1 for a, an ultrasound
frequency of 1.9 MHz, and a distance r of 5 em, results in ar = 0.32775.
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hvmax and ILAmax are the peak concentrations of the LV and LA curve respectively. Applying

Eq.(6.1) results in equal peak concentrations of the compensated LA and LV curves.

In other words: the integral jC(t)dt of both acoustic intensity curves should be equal to

each other when assuming no loss of indicator bubbles. In other words, the same amount of

contrast agent passes through the LA as well as the LV.

After compensation, both the LA and LV intensity curves are linearly related to the

contrast concentration and, therefore, they are referred to as indicator dilution curves (IDCs).

The resulting IDCs are suitable to be processed for the LV impulse response estimation.

6.1.5 System identification

The basic idea of this dilution system identification is that once the input and output acoustic

intensity curves of the dilution system are transformed into IDCs by compensating for all the

non-linear effects, they can be used as inputs in a deconvolution algorithm to estimate the

impulse response of the dilution system between the detection sites [17].

Figure 6.4: Linear system characterised by its implllse response h(t).

Figure 6.4 shows a linear time-invariant system, where j is the input signal (injection),

H is the system, characterised by its impulse response (referred to as transfer function in the

frequency domain), N is the noise added (e.g., measurement noise), and 9 is the output signal

(an IDC at the detection site).

Without noise, the output signal 9 can be calculated by convolving the input j with the

impulse response h(t) according to Eq.(6.2), which is referred to as convolution.

g(t) = j(t) * h(t) = Jj(T)h(t - T)dT (6.2)

The convolution in frequency domain is given according to the convolution theorem [18]

in Eq.(6.3), and is realised by a simple mathematical multiplication, where w is the angular

velocity in radians per second (w = 2n1). A deconvolution on the other hand, is realised by a

mathematical division in the frequency domain (Eq. 6.3), and is the inverse of a convolution.

G(w) = F(w)H(w) :::} H(w) = ~~~~ (6.3)

Due to the low SNR of the IDCs, direct deconvolution techniques fail. Many other pro-

posed deconvolution techniques are iterative ones [4, pp. 132-134], e.g., the Van Cittert's
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technique, which builds a correction term that is proportional to the defined error, the

Richardson-Lucy algorithm, and the Muller algorithm, which maximise a condition prob

ability.

An alternative approach is the employment of a least squares technique, such as a Wiener

deconvolution filter, which performs better in terms of convergence time and robustness to

small SNR, when the input function is a noisy IDC. This technique is used to estimate the

impulse response by deconvolution, because the other iterative techniques show a significant

convergence time as well as limited robustness for the small SNR IDCs.

f
A

h

Figure 6.5: Scheme of the implemented Wiener deconvolution filter to determine the impulse response
of the system H.

The implemented deconvolution scheme is shown in Fig. 6.5, where f and 9 are the input

(LA) and output (LV) IDC of the LV dilution system, respectively. The LV dilution system

is represented by the block H. The input (1) and output (9) IDCs are affected by noise,

which is mainly due to bad DCA mixing and measurement noise. The input and output

noise are characterised by nf and ng , respectively, resulting in the (measured) estimates

f and g. The design and application of the Wiener filter W is based on these estimates.
~ ~

Eventually, h represents the resulting estimate of the LV impulse response. The h is used as

an iterative input by convolving it with the measured input 1. Assume that the estimated

impulse response h is exactly correct, than the 9- f *h term in Fig. 6.5, which is the mean

square-error (MSE) between the measured output curve 9 and the estimated output curve
~ ~

f *h, becomes zero and the iteration is complete. In reality this term will never be zero, so the

iteration stops at a certain threshold when the estimate is expected to be accurate enough.

The Wiener filter can be expressed as given in Eq.(6.4),

W(w) = F*(w) .
S--(w) + Sndw)
ff Shh(W)

(6.4)

where W (w) is the Wiener filter in the frequency domain, F*(w) is the complex conjugate of
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the Fourier transform of 1. Sn(W) , Shh(W), and Snn(w) are the input IDC power spectrum,

the LV impulse response power spectrum, and the noise power spectrum, respectively.

Equation (6.4) can be derived from Eq.(6.5), which is a solution of d'(w) =0, and gives the

minimum L2 distance d(g(t) *w(t), h(t)), which is defined as d(w) = J(g(t) *w(t) - h(t))2dt,

by the zero crossing of the derivative of d with respect to w.

Rhg(t) = w(t) * Rgg(t) (6.5)

Equation (6.5) is referred to as normal Wiener-Hopf equation, where Rhg and Rgg represent

the correlation between h(t) and g(t) and the autocorrelation of g(t), respectively [4, pp. 134].

For uncorrelated noise, Rhg(t) = Rhh(t) * f( -t) and Rgg(t) = Rff(t) * Rhh(t) + Rnn(t), from

which w(t) in Eq.(6.5) can be calculated. Therefore, W(w) from Eq.6.4 can be calculated by

transforming w(t) to the frequency domain.

The LV impulse response power spectrum Shh,(w) is the inverse Fourier transform of

Eq.(3.4) and expressed as 0 0
2

7 2/(1 + 7 2W2). The noise power spectrum Snn(w) can be ap

proximated by white noise, i.e., by a constant N 2• However, Chapter 7 will show that this

assumption is not completely correct.

The purpose of the Wiener filter w (t) is to minimise the L 2 distance with an iterative

process, by changing the parameters 7 2 and N 2/00
2 of the Wiener filter as in Eq.(6.4). The

used minimisation algorithm is the Neider-Mead Simplex method [19].

When the iteration process of the Wiener filter is complete, the output Ii of the Wiener

filter is an approximation of the LV impulse response.

6.1.6 Fit impulse response and calculate ejection fraction

The fitting range is fixed between 10% and 90% of the impulse response peak amplitude, and

is determined from the prejiltered impulse response. The exponential model from Eq.(5.1)

is fitted to the noisy, non-prefilterd impulse response down-slope using a multivariate linear

regression (linear least-squares) in the logarithmic domain.

Figure 6.6 shows an LV impulse response with its fit (smooth line). The time-constant 7

can be derived from the fit and used to calculate the ejection fraction according to Eq.(3.5).

6.2 Pulmonary blood volume measurement

The PBV can be measured simultaneously with the EF, and is thus also based on a peripheral

injection of an ultrasound contrast agent bolus. The RV and LA acoustic intensity curves

are recorded versus time. Whether attenuation compensation is necessary, depends on the

technique used, regardless of the RV's position, which is not situated behind the LV or LA.3

3The position of the atria and ventricles in the images, depends on the echocardiographic view used during
the examination. In the patients that were examined, the trans-thoracic four-chamber view was used.
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Figure 6.6: The non-filtered impulse response, and its fit (smooth exponential thick line) based on
the filtered impulse response.

Two methods can be used to obtain the PBV:

• The first method is based on system identification and is similar to the method used to

determine the EF, namely using an adaptive Wiener deconvolution filter, to estimate the

impulse response. After fitting the impulse response with the LDRW model (see sec

tion 5.1.5), the parameter f.t determines the MTT. Once the CO is known, the PBV can be

calculated according to Eq.(3.6) .

• The second method uses the LDRW model to fit both IDCs (RV and LA curve), and

determines the f.t and thus the MTT of both curves (MTTRV and MTTLA)' The PBV

(the volume between the RV and the LA) can be estimated using Eq.(6.6), where the MTT

difference (b.MTT=MTTLA-MTTRV) between the two measured IDCs is multiplied by

the cardiac output CO.

P BV = b.MTT . CO = b.f.t . CO (6.6)

Figures 6.7 and 6.8 show the schematic block-diagrams of the the two algorithms to

estimate the PBV, as given in above text.

As most of the blocks in Figs. 6.7 and 6.8 are identical to the blocks used in Fig. 6.1, only

the additional blocks are explained, namely: System identification and Fit impulse response,

Calculate pulmonary blood volume, Attenuation compensation and Fit IDCs.

6.2.1 System identification and fit impulse response

The approach to determine the PBV using system identification is similar to the approach

explained in section 6.1.5. However, instead of the LA and LV IDC, the RV and LA IDC

are used as inputs of the deconvolution algorithm. As a results, the shape of the resulting
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Figure 6.8: Schematic block-diagram of the algorithm, using the LDRW model fit of the RV and LA
IDe to determine the MTTs and estimate the PBV.

impulse response is not equal to shape of the LV impulse response, which can modelled by the

mono-compartment model. The system is more complex (distributed) due to the pulmonary

circulation for instance, and the impulse response can therefore be modelled and fitted by the

LDRW model. The explanation is that the impulse response of the dilution system between

two different measurement sites is the IDC that would be measured in the second site if the

contrast injection were performed as a mathematical impulse in the first site.

Figure 6.9 shows an impulse response with its fit (smooth LDRW shaped line), derived

from the RV and LA IDCs. The parameter /-l (which is equal to the MTT for the LDRW

model) is derived from the LDRW fit of the impulse response and is indicated by the vertical

line. The adopting fitting algorithm, is the same as used in section 6.2.4 to determine the

PBV (second method).

6.2.2 Calculate pulmonary blood volume

The resulting MTT, derived in section 6.2.1, can be used to calculate the PBV according

to Eq.(3.6). When using the first method to estimate the PBV (section 6.2.4), the derived

LlMTT, visible in Fig. 6.10, should be equal to the MMT derived in section 6.2.1. In principle,

the two methods should therefore give the same results.
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Figure 6.9: The non-filtered impulse response, and its fit (smooth LDRW shaped line). The vertical
line indicates the mean transit time (MTT) of the IDe, from which the pulmonary blood volume can
be calculated.

6.2.3 Attenuation compensation

The attenuation compensation of the LA curve is similar to the one used to estimate the EF.

Consider that the input and output curves of the dilution system can only be used as inputs

in a deconvolution algorithm if the curves are compensated for all the non-linear effects.

However, when using the LDRW model to fit the acoustic intensity curves directly, and

derive the MTT from both curves to determine the PBV, attenuation compensation is not

strictly necessary. This depends on the negligible effect that attenuation compensation (ap

plied on the LA curve) has on the MTT. The block attenuation compensation in Fig. 6.8 is

therefore dotted. This effect will be further investigated in Chapter 7.

6.2.4 Fit IDes

The RV and LA acoustic intensity curves (or indicator dilution curves if the LA curve is

compensated for non-linearities) are both fitted by the LDRW model (section 5.1.5). One of

the LDRW parameters is 11, which is equal to the mean transit time (MTT). See [4, pp. 93-105]

for a more extensive derivation of the fitting algorithm and parameter extraction.

Figure 6.10 shows an example of a RV and LA curve that are fitted using the LDRW

model.
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Chapter 7

Improvements of the measurement

system

This chapter presents most of the work that has been done to improve the measurement

methods discussed in Chapter 6. It can therefore be considered as the main chapter of this

thesis, together with Chapter 8.

To comprehend the measurement method in more detail I studied the method from begin

ning (ultrasound images) to end (calculating the cardiac parameters) besides the literature.

The approach to improve the EF measurement system was to study and to try to improve

each block of Figs. 6.1 and 6.8 successively. It started by looking at the difficulties when

selecting the ROls in the echo-images, to extract the acoustic intensity curves. A noise

characterisation on patient data was preformed to make the simulations similar to the patient

data. Based on the noise characterisation, the algorithm to generate the IDCs was improved.

Hereafter, the influences of the curves' properties, e.g., the parameter A. of the LDRW model

and the heart rate, were studied. The choice for the adopted contrast agent also plays a role

in the accuracy of the measurement, and was carefully considered. Furthermore, the use of

automatic fit algorithms, zero-padding, and windowing were also considered. A lot of effort

went into designing prefilters to (partially) remove measurement noise, enabling the Wiener

deconvolution algorithm to perform better. Finally, a prefilter was implemented to obtain a

better fit interval of the system's impulse response.

Some IDCs had such a low SNR, and therefore a very noise system impulse response, that

rejecting measurements was considered. Based on the idea that the quality of IDCs can be too

poor to result in reliable estimations of the cardiac parameters using system identification,

an auto-rejection algorithm was implemented to provide reliable results.

The approach to improve the PBV measurement system was based on the knowledge

gained during the work on the EF measurement system, e.g., the effect of attenuation com

pensation, low-pass filtering, injection time compensation, and the fit interval on the PBV

measurements. Instead of simulations, calibrated in-vitro measurements were used.

49
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This chapter is organised as follows. The difficulties for selecting ROls in echo-images are

discussed in section 7.1. The results of the noise characterisation are presented in section 7.2.

They are used for both the EF and PBV measurement. The improvements for the EF and

the PBV measurement system are presented in section 7.3 and 7.4, respectively.

7.1 ROI selection

Placing an ROI, such that it results in a nice acoustic intensity curve (high SNR and nice

IDe shape) is rather difficult. The quality of the curve depends among other things on the

size of the ROI (and thus the size of the RV, LA, or LV), the movement of the heart (when

the atria or ventricles move much, the ROI should be chosen in a way that no frames include

the cardiac walls), and the image quality.

When placing the RV ROI, the small size and position of the RV are the most difficult

part. Placing the LA ROI is relativity easily, and so is the LV ROI. However, due to the

LV's high contractility, an acceleration artifact occurs. It produces an enhancement of the

response in the power harmonic contrast-detection mode, which exploits the bubble's non

linear behaviour. This artifact is visible as very bright white flashes in the images, which

results in coloured noise in the acoustic intensity curves. Patient data proved that the LV

ROI should be selected with as little of this artifact included as possible, but should also be

selected approximately in the middle of the LV, where contrast mixing is good. The resulting

coloured noise can partially be filtered out of the acoustic intensity curves, but results are

better if little coloured noise is present. Finally, the ROI areas should be sufficiently small

(max. 2x2cm) to neglect attenuation effects within the ROI, and the LA and LV ROI should

lie approximately 5 cm apart from each other to satisfy a correct implementation of the

attenuation compensation. See Fig. 4.8 for an example of ROI placement.

7.2 Noise characterisation

In previously performed simulations, it was assumed that the measured acoustic intensity

curves contained uncorrelated white noise, with SNR~15 dB. The SNR is defined (in equation

form) as 10 10gIO (Psignaz! Pnoise) = 20logIO (Asignaz!Anoise) , where P is the average power, and

A is the root mean square amplitude. This assumption is rather important, because the noise

power spectrum in Eq.(6.4) is assumed to be constant, and therefore 'white'. Knowledge of

the shape of the noise spectrum will result in accurate simulations on the one hand, and can

improve the Wiener deconvolution filter's noise estimation, and thus result in a more accurate

system identification, on the other hand.
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As a starting point, the frequency spectra of the LA and LV IDC are calculated l as shown

in Figure 7.1.
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Figure 7.1: Normalised frequency spectrum of an LA and LV IDC. The circle indicates the spectral
power of the IDC, while the triangles indicate the spectral power of the coloured noise. The white noise
level is clearly visible at approximately -40 dB. The frequency spectra of the noise free LDRW model
IDC is plotted with a dotted line.

From Fig. 7.1 it can be concluded that most of the signal energy lies in the area between

oand O.lHz due to the very low frequency components of the noise-free IDC. The magnitude

of the white noise is approximately -40 dB, and the magnitude of the coloured noise peaks

is approximately -20 dB.

The harmonic disturbance (coloured noise components) is a measurement artifact caused

by the power modulation detection mode of the ultrasound scanner and are not related to

the dilution process under estimation. This setting exploits the non-linear bubble response

in fundamental harmonic, but assumes a constant flow. During systole, the blood is strongly

accelerated, so the assumption is not valid anymore. Then the acoustic intensity signal,

representing the contrast concentration, is overestimated. This is visible in the echo-images

as bright white flashes, resulting in large fluctuations in the measured IDC, as it can be seen

in Fig. 6.10.

Figure 7.1 clearly shows white and coloured noise. Experimental measurements already

showed a modulated white noise, whose amplitude is linearly related to the amplitude of

lThe spectra in Fig. 7.1 are calculated from one in-vivo measurement. Nevertheless, it represents the shape
of the spectra seen over a large number of in-vivo measurements very well.
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C(t) [4]' which is visible in the time domain by subtracting the LDRW fit of a concentration

time curve (see Fig. 6.10) from the measured curve (resulting in the additive noise signal). To

acquire a better insight in the magnitudes of the white and coloured noise, the noise signals

from the IDCs, shown in Fig. 7.2, and the frequency spectra of the LA and LV noise signals,

shown in Fig. 7.3, are calculated.
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Figure 7.2: Normalised noise signal amplitude
of an LA and LV IDC. The noise amplitude is
clearly modulated by the signal amplitude.

Figure 7.3: Normalised frequency spectra of the
LA and LV IDC noise signals. The magnitude of
the coloured noise peaks is approximately -20 dB.

Figure 7.3 shows a large similarity with the spectrum depicted in Fig. 7.1. Only the first

part ranging from 0 to 0.1 Hz (the part indicated by the circles in Fig. 7.1) belongs to the

IDCs, the rest of the spectrum (Fig. 7.3) comprises white and coloured noise.

In addition, the average white noise level and the worst case coloured noise level (compared

to the noise-free signal amplitude, so 0 dB indicates that the signal and noise amplitude are

equal) were calculated from the data of 43 patients. Figure 7.4 shows that the white noise

present in the LA and LV IDCs has a magnitude ranging from -25 dB (worst case) to -45

dB with an average of -35.7 dB. The magnitude of the coloured noise ranges from -8 dB

(worst case) to -30 dB with an average of -18.2 dB.

7.3 Ejection fraction measurement system

The different parts of the ejection fraction measurement system shown in Fig. 6.1 are extended

to improve the performance of the system expressed in accuracy and reliability. Besides the

signal processing part, other factors influence the measurements, e.g., the used contrast agent,

the quality ofthe simulations (on which the measurement system is based), and the parameters

of the measured data. All topics will be discussed in this section.
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Figure 7.4: The average white and maximum coloured noise levels (dB) measured from the LA and
LV IDes from a set of 43 in-vivo measurements.

7.3.1 Contrast agents

The properties of the contrast agent determine, for instance, the quality of the echographic

images.

Besides the contrast agent, the contrast concentration is also of great influence. As dis

cussed in section 4.1.1, the attenuation occurs as the waves propagate in a medium. When

using contrast agents a different effect occurs. When the contrast concentration is low, the

increase in the concentration of microbubbles does result in a respective increase of echo

signal (expressed as white speckles on the recorded image). However, a further concentra

tion increase causes loss of the echo signal. First the areas underlying the area of contrast

are not visible anymore (ultrasound attenuation), and then the contrast area itself remains

undetected2 (shadowing) [12].

Two contrast agents were used during echocardiographic examinations, namely SonoVue®

and Optison®. These two contrast agents have different shell properties, SonoVue has a

dipalmitoyl phosphatidylglycerol (DPPG) shell, while Optison has a denatured albumin shell.

The result is that SonoVue possesses a higher scattering-to-attenuation ratio (STAR), which

expresses the ability of the contrast agent to enhance the visualisation of the tissue containing

the contrast agent and, at the same time, represents the degree of its adsorption [20].

The measured IDes were used to determine the cardiac parameters of interest (EF &

PBV). However, the shadow effect of Optison® proved to be very large in comparison with

SonoVue®, resulting in very low amplitudes of the LA acoustic intensity curves. In fact, the

2This shadowing effect results in a half moon shape of the detected contrast dilution, as can be seen in
Fig. 4.3 in [4, p. 72].
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amplitude and SNR of the LA curve were too low to apply successfully in the EF and PBV

measurement system. Therefore, only measurements with SonoVue® as contrast agent, are

used in this report.

7.3.2 Generating IDes

The generated IDCs are the basis of the simulations, which provide the possibility of testing

the performance of the measurement system. The parameters that determine the shape of

the IDC should be chosen accordingly to the in-vivo data, in order to perform simulations

which are similar to the data measured from patients.

Several parameters define the LDRW curve. The indicator mass m and the flow <.I> of

the fluid carrier determine the area of the curve, J1, determines the length of the curve, A

determines the skewness of the curve, the sample frequency Is determines the resolution of

the discrete curve, and the noise magnitudes determine the SNR for white and/or coloured

noise. Parameters that define the output LDRW curve, e.g., the LV curve, are: the ejection

fraction (EF) and the heart rate (HR), which together determine the time constant T.

The indicator mass, the flow, the sample frequency and the heart rate are chosen accord

ingly to clinical values. For the sample frequency and the heart rate, these values are 20Hz,

and 60 beats per minute, respectively. Based on Fig. 5.5, J1, is chosen 10 seconds, neverthe

less, in section 7.3.3 the influence of J1, as well as the heart rate on the measurement system

is studied. Based on Fig. 5.6 A is chosen equal to 3. Based on Fig. 7.4, the SNR for white

noise is chosen equal to 20 dB and the SNR for coloured noise equal to 8 dB. Finally, the EF

is the cardiac parameter of interest and can therefore not be chosen because it is different for

every patient. Simulations will use EFs ranging from 10% to 80% (common clinical values).

The output curve (LV IDC) is generated by convolving the input curve with the simulated

impulse response from the LV, as in Eq.(5.1), where T in seconds is given as in Eq.(7.1).

60
T = - ----,-,-----..,..

HR-ln (1 - EF)
(7.1)

Furthermore, a compensation factor c for the impulse response is calculated by dividing

the area under the output curve by the area under the input curve, so c= f~~~~:::' resulting

in two curves whose areas are equal. This compensation has been applied to satisfy the

assumption that no contrast agent is lost between the two detection sites (mass conservation),

so i' remains constant. The noise is added after the input and output IDC are generated,

since it does not pass through the dilution system (measurement noise).

An example of generated curves with J1, equal to 10 seconds, A equal to 3, SNR for white

and coloured noise equal to 20 dB and 8 dB, respectively, a heart rate equal to 60 beats per

minute and an ejection fraction of 40%, is shown in Fig. 7.5. The coloured noise with a SNR

of 8 dB is generated by band filtering a white noise sequence with a SNR of 8 dB around 1Hz.
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Figure 7.5: An example of a normalised input and output indicator dilution curve. The white and
coloured noise additions are clearly visible.

7.3.3 Influence of curve properties on EF estimation

This section discusses the effects that the mean transit time (MTT, equal to J1 for LDRW

curves), the heart rate, and the noise in particular, have on the EF measurement system.

The MTT and the heart rate are fixed parameters from in-vivo data, however, simulations

indicated that a large MTT of the curves could result in severe underestimations of the

EF. Because Fig. 5.5 indicates a range up to 20 seconds, knowledge of the influence of the

MTT on the EF measurement system is highly desired. The heart rate on the other hand,

influences the time-constant T given in Eq.(7.1). Simulations also indicated that a large time

constant T, allows making an accurate fit of a noisy impulse response. This observation,

which is discussed in detail at the end of this section, suggests that a large heart rate, which

decreases the time constant, could result in less accurate measurements. To quantify the noise

effect, specific simulations where the noise level is based on the values found in section 7.2

are performed. The difference between the EF and FEF, as discussed in Chapter 2, is not

apparent in simulations, because no regurgitation is present.

To check the above hypotheses, a simulation over 50 different noise sequences is performed,

with the EF ranging from 10% to 80%, and the MTT ranging from 3s to 18s. The heart rate

is fixed for each simulation at 30, 60, and 120bpm. Because the purpose is only to show the

basic idea of the MTT and heart rate influences on the EF measurement system, a very high

SNR of 70 dB is chosen. Figures 7.6 and 7.7 show the results of the simulations.

Looking at Fig. 7.6 and the right side of Fig. 7.7, it is obvious that there is a positive rela

tion between the MTT of the curves and the underestimation of the estimated EF. Although

the majority of the curves has a MTT smaller than 15 seconds, for which the underestimation

is negligible, the simulations are performed with a very high SNR of 70 dB. The influence of
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Figure 7.6: Simulation results: Percent EF average estimates for different MTT, and with a fixed
heart rate of 60bpm.

white and coloured noise is therefore discussed later in this section.

Figure 7,7 clearly shows the positive relation of the heart rate and the underestimation

of the estimated EF, however, the heart rate is a fixed parameter from the patient at rest.

A change (decrease) in the value of T as in Eq.(7.1), causes the underestimation (this will be

explained in the remainder of this section), This explains why the underestimation is also

present for high EF, because the EF is negatively correlated to T according to Eq.(7.1). An

increase of EF thus means a decrease in T, and thus results in an underestimation effect.

When assuming that in patients the HR ranges from 45 to 140 bpm and the EF ranges from

10% to 90%, according to Eq.(7.1), T can range from 0.19 to 12.66 s.

When the heart rate (HR) drops (assuming the EF remains constant) the cardiac out-
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Figure 7.7: Simulation results: Percent EF average estimates for different MTT, and with a fixed
heart rate of 30bpm (left-hand side) and 120bpm (right-hand side).
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put (CO) will also drop, resulting in longer curves, and thus an increase in MTT, which is

positively related to the underestimation effect. On top of this, the MTT is dependent on

the point of injection, which is usually an arm vein, and therefore results in a long MTT

anyway. The conclusion is that both T and the MTT (and thus the heart rate and ejection

fraction) contribute to the underestimation effect. However, an increase in MTT corresponds

to a drop of the HR, which makes the simulations with a fixed HR, as in Figures 7.7 and

7.6 unrealistic. In-vivo measurements are therefore expected to provide better results than

similar simulations.

The noise effect is studied by running simulations with only added white noise (SNR=25

dB), only added coloured noise (SNR=8 dB), and with combined white and coloured noise.

The heart rate is fixed to 60 bpm.
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Figure 7.8: Simulation results: percent EF average estimates for different MTT, a fixed heart rate
of 60bpm, white noise (SNR=25 dB) and coloured noise (SNR=8 dB).

The results for addition of only white, only coloured, and both white and coloured noise

are comparable. A positive relation between the EF and the magnitude of the underestimation

is present for all three combinations of noise. However, for both white and coloured noise

addition, the relation is more evident. Figure 7.8 shows the results of the simulation where

white as well as coloured noise are added. The fluctuations in the curves are a result of a

non-optimal fit. This problem is addressed in section 7.3.8. The underestimation is even

more evident than in Fig. 7.7 (right-hand side). Thus, besides T and MTT, noise is the third

parameter that influences the EF measurement.

Although the noise magnitudes are based on section 7.2, a simulation with varying noise

levels (white noise SNR of 15, 25, and 35 dB, and no coloured noise added) is performed.

The results are shown in Fig. 7.9 and show that the noise magnitude is also related to the

underestimations for high EF.
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Figure 7.9: Simulation results: percent EF average estimates for different white noise levels, a fixed
heart rate of 60bpm, a fixed MTT of gs, and no coloured added.

Underestimation of estimated ejection fraction

Figures 7.6 and 7.8 clearly show an underestimation for high EFs. Three possible causes have

been studied, namely the time-constant T, the MTT, and the signal-to-noise (SNR) ratio.

However, EF underestimations are still observed, even with extreme high SNRs.

To study the causes of this underestimation effect, the frequency spectra of the input IDC

(spectrum of the output IDC is similar) and the estimated impulse response are studied for

different MTT and EF, as shown in Fig. 7.10. Two important observations must be made.

Firstly, the spectrum of an IDC with an MTT of 1000 ms contains more high frequency

components than an IDC with an MTT of 8000 ms. Secondly, the spectrum of the theoretical

impulse response for an EF equal to 10% contains less high frequency components than the

estimated impulse response for an EF equal to 80%. The equations of direct deconvolution

and power spectra of the signals can give more comprehension about the underestimation.

Using Fig. 6.4, the system H in the frequency domain can be derived by direct deconvo

lution in the same manner as in Eq.(6.3), resulting in Eq.(7.2),

- G(w) N(w)
G(w) = F(w)H(w) + N(w) ::::} H(w) = F(w) = H(w) + F(w) (7.2)

where G is the measured output IDC. Due to the very low amplitude of the frequency com

ponents of input IDCs with a low MTT, the term ~~~? in Eq.(7.2) greatly expands when

noise is present. As a results, the deconvolution process is disturbed by the noise. This effect

is referred to as noise amplification and is larger for IDCs with a large MTT, because their

amplitude of the frequency components is lower in comparison with IDCs with a low MTT.

In a similar way, the underestimation effect for high EF can be explained. For a high EF,
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Figure 7.10: The frequency spectra of the noise-free input IDC and estimated impulse response. The
spectra are plotted for a MTT of 1000ms and 8000ms, and for a EF of 10% and 80%.

the estimated impulse response contains more high frequency components than for a low EF.

These high frequency components are difficult to reconstruct, especially when noise is present,

because the input and output IDCs contain little energy for high frequency components. For

IDCs with an large MTT this effect is more evident, because they contain less high frequency

components.

Other causes could be that, for low EF, the estimated impulse response has a larger fit

interval, because of the large time-constant T, and thus more data points. A larger fit interval

with more data points is easier to fit accurately.

7.3.4 Zero-padding and windowing

Zero-padding is considered, because it results in an FFT of the signal with more samples than

the non-zero-padded signal has in the time domain, and thus increases the resolution in the

frequency domain. The Wiener filter uses the FFT spectra (of the input and output IDC)

to calculate the impulse response, which also will have an increased resolution. The down

slope of the impulse response, that determines the EF, consists of only a few data points.
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By applying zero-padding, the resolution of the down slope increases. However, this had no

influence on the results, as shown in Fig. 7.11.
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Figure 7.11: Simulation results: Percent EF average estimates for a MTT of 12s, and with a fixed
heart rate of 60 bpm. Zero-padding does not result in an improvement, even not with a low white noise
SNR of 40 dB. The standard deviation is approximately linearly related to the EF.

A possible explanation is that, although the number of data points in the frequency domain

increases, this increase doesn't improve the frequency resolution of the input signals after all.

The frequencies present in the IDC satisfy with the Nyquist criteria, fsample > 2· fsignal.

Secondly, the down slope of the impulse response is almost completely determined by the

first part (f:S 0.1 Hz, where most of the signal energy is located) of the IDCs in the frequency

domain (see Fig. 7.1). Zero-padding will therefore not improve the real resolution of the

impulse response's down slope.

Using a window (e.g., a Chebyshev, Hamming, or Hann window) was also considered, even

in combination with zem-padding, but was not applied because it changes the IDC shape.

The purpose of windowing is in general to enhance the quality of the spectral estimate of a

signal and to divide the signal into frames in time domain. However, the measurements used

in this thesis only consist of one IDC and comprise only one period after all. The frequency

spectrum of the complete IDC is required as input for a deconvolution. Due to the change in

IDC shape when a window is applied, the results were not satisfying.

Windowing as well as zero-padding are not used in the EF measurement system, because

it doesn't result in improvements of the EF estimation.

7.3.5 Prefiltering the IDes

The noise characterisation presented in section 7.2 indicates that white and coloured noise

are present in the IDCs. The simplified Wiener filter, as expressed in Eq.(6.4), assumes white

noise only. It estimates the white noise and time-constant T as one constant, as explained in

section 7.3.6 in more detail. This suggest to apply a bandstop filter for the coloured noise

components. Furthermore, the noise components influence the EF estimation, because they
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result in a noisy estimate and a less accurate fit of the impulse response.

Besides a bandstop filter, a standard low-pass filter and two adaptive low-pass filters are

used. To test the performance of all prefilters within the EF measurement system, simulations

are performed. The input IDes have a MTT of 6, 9, and 12 seconds, and an SNR for white

and coloured noise of 25 dB and 8 dB, respectively. The results of the EF estimation without

prefilter are shown in Fig. 7.12, to determine the performance of the applied prefilters. An

underestimation, dependant on the MTT is clearly visible.
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Figure 7.12: The simulation results of an EF estimation, without a prefilter applied.

Standard low-pass filter

A 50th order low-pass filter with a cut-off frequency of 0.05 times the Nyquist frequency3 is

used. The results of the simulations are shown in Fig. 7.13.

Based on Fig. 7.13, a standard low-pass filter does improve the EF estimation results. The

results for a MTT of 12s still show an underestimation, and an overestimation is apparent for

all curves between 40% and 70%. The overestimation is caused by a non-optimal fit due to a

fixed fit interval.

Adaptive prefilters

Two different adaptive prefilters are applied. The first one has a cut-off frequency right before

the first coloured noise component starts, e.g., the Ie in Fig. 7.1 would be 0.9Hz. This prefilter

is thus designed to include as much of the signal power, without including any coloured noise

3The convention used here is that unit frequency is the Nyquist frequency, defined as half the sampling
frequency. The sample frequency used for generating the in-vivo data is approximately 20 Hz, so 0.05 times
the Nyquist frequency is 0.05.~ =0.5 Hz.
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components. The second prefilter has the cut-off frequency so that most of the signal energy

is not attenuated, while the attenuation of the prefilter starts at the point where the noise

power equals the signal power. In Fig. 7.1 the Ie would be around O.lHz, right after the sharp

decay of the signal power.

Based on the coloured noise component The results of the adaptive prefilter that

utilises the position of the first coloured noise component are shown in Fig. 7.14.
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Figure 7.13: The simulation results of an EF
estimation, applying a standard low-pass filter.

Figure 7.14: The simulation results of an EF es
timation, applying an adaptive filter which utilises
the position of the first coloured noise component.
The position of this component is equal to the heart
rate of the patient.

The adaptive filter, based on the first coloured noise component, performs slightly better

than a standard low-pass filter, however the results are comparable. This can be explained

as follows: the frequency where the noise magnitude equals the signal magnitude is situated

between 0.1 and 0.3Hz, before the cutoff frequency of both prefilters. The adaptive prefilter

is preferred above the standard low-pass filter, because the heart rate, and thus the position

of the coloured noise peak, of patients vary.

Based on the signal power The results of the adaptive prefilter that utilises the position

where the noise power exceeds the signal power, are shown in Fig. 7.15.

The adaptive filter, based on the frequency where the noise power exceed the signal power,

performs not well. Overestimation starts early at an EF of 30%, and the MTT curve of 9s,

suddenly drop at an EF of 80%. When using this filter on in-vivo data, the results where

poor. The bad performance is caused by the difficulty of determining the exact position where

the noise power equals the signal power. Even when the position is accurate, this adaptive

filter included less signal energy than the standard low-pass and the adaptive filter based on

the first coloured noise component.
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Bandstop filter

The bandstop filter is designed in three steps. First, the area a.3Hz left and right from

the fundamental harmonic noise component (which equals the heart rate frequency fHR) is

located. Secondly, the exact location of the component's peak is located, and the minimum

values for a small area around the peak are determined to obtain the exact area for the

bandfilter. Thirdly, the bandstop filter is created by taking the inverse of the obtained area,

so the coloured noise component is cancelled out when applying the bandstop filter. The

results of the bandstop are shown in Fig. 7.16.
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Figure 7.15: The simulation results for an Figure 7.16: The simulation results of an EF
EF estimation, applying an adaptive filter which estimation, applying a bandstop filter.
utilises the position where the signal power equals
the noise power.

The bandstop filter performs slightly worse that the standard low-pass filter, due to the

underestimations for high EF. Although the results are satisfying, the filter is not applicable

for in-vivo data, because the in-vivo data also contains several harmonics of the fundamental

coloured noise peak.

7.3.6 Wiener deconvolution filter

The Wiener deconvolution filter as described in section 6.1.5 can be extended in two ways,

based on the noise characterisation in section 7.2. Information about the noise spectrum

can be included in a more extensive Wiener filter, Eq.(6.4) is based on the assumption that

the noise comprises only white noise. However, precise application of the Wiener filter is

actually impossible because it requires complete knowledge of the signal-to-noise power ratio

as a function of frequency. In practice, therefore, one must employ an approximation to the

ideal filter using some model of the signal-to-noise power ratio [21]. Secondly, a prefilter

can be used to cancel out the noise, in particular the coloured noise components, instead of

estimating the signal-to-noise power ratio. Due to the varying noise magnitudes encountered

in different in-vivo measurements, together with the fact that for many restoration techniques,
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it is convenient to reduce the measurement noise before restoration [22], the second manner

to extend the Wiener filter is chosen.

The Wiener filter is extended, as shown in Fig. 7.17 with two adaptive low-pass prefilters,

which have their cutoff frequency right before the fundamental frequency of the first coloured

noise component.

n+n
9

f

*}----.

II

h

Figure 7.17: Scheme of the extended implemented Wiener deconvolution filter to determine the
impulse response of the system H.

The output IDC 9 is affected by the noise n, which is mainly due to the bad DCA mixing in

the LV. However, both the measured input and output IDCs are also affected by measurement

noise, which is represented by nf and n g , respectively. The input and output measurement

noise is suppressed by two adaptive low-pass filters (LPF blocks), resulting in the estimates

1and 9 for the input and output IDCs, respectively. The impulse response h is estimated,

based on 1and g.

7.3.7 Prefiltering the impulse response

The impulse response can be rather noisy, though this depends on the quality of the IDCs

from which it is calculated. To determine the fit interval more accurately, a 50th order

Finite Impulse Response (FIR) filter with a cut-off frequency of 110 of the Nyquist frequency

(f.t :::::; 10Hz) is implemented to smooth the impulse response. Note that the prefiltered impulse

response is only used to determine the fit interval (see section 6.1.6), because prefiltering the

impulse response can result in a loss of the frequencies of interest of the exponential decay.

Figure 7.18 shows the impulse response before and after applying the prefilter, together

with the prefilter's Magnitude Response.

7.3.8 Automatically choosing fit interval

Both the non-prefiltered and the prefiltered estimated impulse response (section 7.3.7) are

used as input parameters for this block that determines the best fit interval in terms of the

correlation coefficient.

The exponential model from Eq.(5.1) is fitted to the down-slope of the estimated impulse

response by a linear regression in the logarithmic domain. Instead of a fixed interval (sec-
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Figure 7.18: The non-filtered and filtered (thick line) impulse response, calculated during the 'system
identification' (left). On the right hand side the magnitude response of the FIR filter is plotted.

tion 6.1.6), the interval for the prefiltered estimated impulse response fitting is automatically

determined. The search for the lower and upper bound of the fitting segment is limited,

according to the simulation results, to the intervals from 97% to 80% and from 25% to 10%

of the impulse response peak, respectively. The step size within the intervals is 1%.

Two methods that quantify the quality of the fit for each fitting segment were considered.

Comparing the fit to the prefiltered estimated impulse response (within the fitting segment)

based on the maximum correlation coefficient and based on the least square error (LSE).

When the correlation coefficient was used for the comparison, the results were comparable,

only for high SNRs (SNRS 15 dB), the LSE method showed a little underestimation.

It is thus the interval that results in the highest correlation coefficient between the esti

mated impulse response and the fit, that is used to fit the non-prefiltered estimated impulse

response to estimate the EF.

7.3.9 Automatic rejection

After processing part of the in-vivo data using the dilution system identification measurement

system that includes the improvements discussed in this chapter, some of the EF estimations

were not reliable as a result of very noisy echographic images. The noise in echographic images

can have several causes, e.g., a bad window, which refers to the patients, who have little space

between the ribs, resulting in a small window for the ultrasound waves. Another cause is the

amount of tissue between the probe and the ROI, which can cause severe attenuation so that,

in the worst case, the LA is not visible. Finally the acceleration artifact (section 6.1.1) acts as

a noise source. To determine which measurements might not be reliable, every measurement

was graded on a scale from 1 to 10 according three aspects:

• The quality of the acoustic intensity curves in the time domain: the noise, the size of

the acceleration artifact (coloured noise peaks), the length of the gaps in the IDCs (see
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section 6.1.2), the amplitude of the curves in comparison with each other, and the error

between the measured IDCs and their estimated one (LDRW model), were taken into

account.

• The quality of the acoustic intensity curves in the frequency domain: the shape of the signal

for low frequencies, the size of the coloured noise peaks in comparison with the signal power,

and the distribution of the noise (white or nearly white) and its amplitude or energy in

comparison with the signal power were taken into account .

• The quality of the impulse response in the time domain: the shape in comparison with a

pure exponential decay, the amount of noise, and the quality of the fit were taken into

account.

Such a grade can be useful to obtain an understanding of the reliability of an EF esti

mation. However, this grade is subjective. It could distinguish a very reliable from a very

unreliable measurement, but could not accurately predict the reliability of the EF derived

from two IDCs of moderate quality.

Therefore, a number of objective parameters are extracted from the IDCs, which relate to

the subjective aspects mentioned above. The four parameters are compared to the grades to

determine a threshold, so that the acoustic intensity curves that are too noisy and, therefore,

can not provide a reliable EF estimation, can be rejected. The parameters are:

1. The quality of the estimated impulse response QH, which is expressed as the correlation

coefficient between the estimated LV IDC, calculated by convolving the measured LA and

the estimated impulse response, and the measured (low-pass filtered) LV IDC. QH can be

expressed as in the following equation: QH=corrcoef(LVLPF,LALPF*Hest).

2. The quality of the IDC's shape Qmc, which is expressed as the correlation coefficient

between the (low-pass filtered) IDC (i.e., the LA and LV IDC) and its LDRW fit. Qmc

can be expressed as in the following equation: Qmc = corrcoef(IDCLPF , IDCLDRw fit).

3. The low frequency noise power of the IDC SNRlf is important because it is a measure of

the noise magnitude in the very low frequency (O-O.2Hz) range of the IDC. In this range

lies most of the signal energy. SNRlf(dB) can be expressed as in the following equation:

SNRlf(dB) =Ps/PN1f" The measured IDC and its fit are used to calculate Ps and PNw

4. The signal to noise energy ratio SNRE is the ratio between the signal energy and the noise

energy. It can be calculated by dividing the energy of the noise-free signal (integrating the

IDC fit) by the energy of the noise signal (integrating the IDC minus its fit). SNRE can

be expressed as in the following equation4 :

SNRE= !(/IDCfitl)2dt/ !((IIDCLPF/)2 - (IIDCfit/)2) dt.

The rejection parameters from 88 in-vivo measurement are calculated to determine if a

clear threshold can be set, which rejects most curves that are graded 4 or lower, and doesn't

reject curves that are graded 6 or higher. Figures 7.19 to 7.22 show the results of the rejection

4The energy of a signal f is defined as: Ef = r~: (If(t)I)2.



7.3 Ejection fraction measurement system 67

.0'00'.0,806

.0.974 .Oe19
.0,955

~ 0.95 +-----."'o.=..'-- .0941 10....'
"0 .0.924.0.929 ~'~~. 0.921

~ 0.9 -- ••""e,8999-S_.'--0_,912 •..0. 901

U .0'" .0.''''§ .~
.~ 0.85 +--.-o-.""----..=OIC..~--..-,c=--.:.""'o.."",------------1

~ .i~ -j
,~ 0,8 j' -......, .O,7~

.0,791

0,75 _~-~-~-~~-~-~ Q_'D__ICi

o 3 4 5 6 7 8 10
Grade

Figure 7.19: The quality of the estimated impulse Figure 7.20: The quality of the IDC's shape QIDe.
response QR'

9 10873 4 5 6
Grade

4 EF Rejection (LA Signal! Noise Energy)

.EF Rejection (LV Signal I Noise Energy) I-----'-----...----.---~

45

CD 40

:s.
'"e'
<l>
c:

UJ
<l>
Ul
'0
Z

Cii
c:
Cl

Ui

~: _' ~~.an. -~~ . Ul :;~-'
II .27.586;it .27.866 : 27.540
z~ ~~.

en ."'" ." li.::i """.~'II'.,IH . . "..'" --I
~,,~,,-:~ ,,~.- tilllf.,': ."..-- l
" __~_":,,, ."'" .'0.086 .""" .","'"I 15

~ 1~ a'm----------------, SNRIII

o 2 3 4 5 6 7 8 9 10
Grade

F
· h l fr . Figure 7.22: The signal to noise energy ratio
19ure 7.21: T. e ow equency nozse power of the SNRE.

IDC (SNR,r).

parameters QR, QIDC, SNRlf, and ESN , respectively.

Figure 7.19 shows that it is not possible to set a clear threshold, such that a clear distinc

tion between low and high grades can be made. A correlation coefficient of 0.9 as threshold

results in 7 rejections out of 21 curves graded 1 to 4, whereas 7 curves graded 6 to 10 are

rejected.

A threshold in Fig. 7.20 of 0.9 results in 11 rejections out of 21 curves graded 1 to 4,

whereas only 3 curves graded 6 to 10 are rejected.

Figure 7.21 doesn't show a strong correlation between the grade and the low frequency

noise, and can therefore not be used as a basis for rejection.

The same applies for Fig. 7.22, where a positive correlation exists between the grade and

the signal-to-noise energy ratio, but a clear distinction between low and high graded curves

can not be made.

Rejecting on a basis of the quality of the estimated impulse response, the low frequency

noise power, or the signal to noise energy ratio is thus not satisfactory. The quality of the

IDe's shape is chosen as the parameter on which measurements are rejected. A combination

of this parameter and one of the other parameters of Figures 7.19, 7.21, or 7.22 was also

considered, but showed no improvement compared to the use of only the parameter of Fig-
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ure 7.20. A critical note must be made: the threshold level is dependent on the curve and its

fit, and thus on the complete EF measurement system. The threshold level should therefore

be determined again, when altering part of the EF measurement system (e.g., a different pre

filter). Finally, the imaging techniques will improve in the course of time, resulting in a higher

SNR of echographic images. Rejecting curves will therefore probably become superfluous in

the future.

7.4 Pulmonary blood volume measurement system

To optimise the PBV measurements system, shown in Fig. 6.8, the influences of attenuation

compensation, prefiltering the IDes, injection time compensation, and the chosen fit interval

are studied.

As a basis for testing the prefilter and injection time compensation, in-vitro data were

used instead of simulations or in-vivo data. Simulations are possible, when the output curve

(LA IDC) is generated by convolving the input curve (RV IDC) with the impulse response of

the system (i.e., an IDC modelled by the LDRW model, with a fixed MTT). The difference

between the MTTs of the LA and RV IDCs should be equal to the MTT of the IDC used as the

impulse response. However, data from a calibrated in-vitro setup with different volumes were

used, because it better reflects the situation in patients. Furthermore, it is not possible to use

in-vivo data because the PBV measurement should be compared to another (gold standard)

method, e.g., the methods using two catheters discussed in Chapter 3. These measurements

were not performed on the patients whose data are used in this report.

The estimated PBVs are compared to in-vitro measurements. The in-vitro data are com

prised of 20 different measurements, with varying volumes and flows. For each volume of

31Oml, 412ml, 625ml, and 1080ml, five measurements are per performed with an flow ranging

from 1 to 5 litres per minute. The PBV results without prefiltering and compensation are

show in Fig. 7.23.

To test the influence of attenuation compensation, in-vivo data are used. Compensating

simulation data and in-vitro curves is not necessary because there is no attenuation effect.

Finally, the influence of the fit interval is studied on in-vivo data. To begin, a fixed

fit interval is applied after which the resulting fits are examined to exclude the recirculation

effect, which should not be taken into account. Although the fit interval is fixed, an algorithm

searches different intervals for the lowest mean square error between the fit and the IDC within

the fix fit interval. The fixed interval is thus used at the end of the algorithm to determine

an optimal fit.
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injection time compensation. prefilters and injection time compensation.

7.4.1 Prefiltering the IDes

The same standard low-pass filter as in section 7.3.5 was used to low-pass filter the input and

output IDe. The use of the adaptive low-pass filter was not necessary because no coloured

noise component was apparent. A continuous pump instead of a pulsating pump was used

for the in-vitro setup.

The results of the PBV estimation using prefiltered signals, are shown in Figure 7.24. The

difference between the in-vitro volumes obtained without prefilter, with an average percent

error of 3.61%, and the low-pass filter results, with an average percent error of 3.99%, can

be neglected, thus indicating that a prefilter would be unnecessary. However, the SNR of the

in-vitro data is much higher than that of the in-vivo data due to smooth interfaces between

the ultrasound probe and the tube, and the continuous flow. Therefore, the most important

reason to apply the prefilter is to suppress the coloured noise that is apparent in in-vivo

data. Based on the in-vitro results and the results in the in-vivo measurements, where the

accuracy of the EF-measuring method improved when a prefilter was applied, the prefilter is

also applied in the PBV-measuring method.
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7.4.2 Injection time compensation

The injection of the contrast agent is assumed to be a dirac impulse. However, a rectangular

pulse of 1 second is a far better approximation of the bolus injection. To compensate for this

effect, the measured IDCs are compensated in such a way that the IDC curve is the result of

the diffusion and convection (see section 5.1.5) of a rectangular input instead of a dirac input.

Figure 7.25 shows the results of the PBV estimation, which are compared to the real

volumes. The results show a average percent error of 3.68%, similar to the results where

a prefilter is used, however, one PBV measurement (the 5th measurement for a volume of

31Oml) fails. Injection time compensation does thus not provide such improvements that

would justify the usage of it.

7.4.3 Additional PBV in-vitro results

When the information from Figs. 7.23 to 7.26 is presented in a different way, the PBV esti

mation error with respect to the real PBV and the flow can be shown as in Figs. 7.27 and

7.28, respectively.
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Figure 7.27: PBVerror(%) in-vitro results with Figure 7.28: PBV error(%) in-vitro results with
respect to the calibrated PBV. respect to the flow.

Figure 7.27 shows a positive correlation between the PBV error and the PBV. Although

the average PBV error for a PBV of 1080ml is almost 5%, such large PBVs are not often

encountered.

Figure 7.28 shows a negative correlation between the PBV error and the flow. Although

the average PBV error for a flow of 5 litres per minute is slightly higher than for 4 lit res per

minute.

7.4.4 Attenuation compensation

The accuracy of applying attenuation compensation can unfortunately not be determined,

because no attenuation is present in the in-vitro data used. The input and output IDC are

measured next to each other, whereas for in-vivo data, the LA IDC is shadowed by the LV
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IDC. However, in the EF measurement system the attenuation compensation is necessary to

satisfy the assumption of no contrast loss between the LA and LV. The uncompensated LA

acoustic intensity curve is therefore not equal to the contrast concentration curve as would

be measured inside the LA, which affects the Wiener filter deconvolution. However, the PBV

measurement is dependant on the MTT (not on the deconvolution). The question is thus,

does the attenuation compensation affect the MTT of the LA IDC? If so, it directly influences

the PBV estimation (the RV IDC, and therefore its MTT does not change).

To study the influence of the attenuation compensation on the MTT of the LA curve, a

PBV measurement is performed on a set of 41 in-vivo measurements, afterwards the accuracy

of the fit is checked. The results with and without applying attenuation compensation are

compared and are shown in Fig. 7.29. The IDCs are prefiltered before the MTTs are calculated

from the LDRW fit of the IDCs.
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Figure 7.29: The results of the effect of attenuation compensation on the PBV estimation. The
difference between the PBV estimates with and without attenuation compensation of 36 in-vivo mea
surements are plotted.

From the 41 measurements, 5 fits of IDCs on which attenuation compensation was not

applied, were inaccurate and resulted in a severe overestimation. The cause of the overes

timation was the (very) low amplitude of the LA IDCs, resulting in an inaccurate fit and

therefore an inaccurate estimation of the MTT. This overestimation was not encountered

when the IDCs were compensated for the attenuation effect. The difference between the 36

PBV estimates with accurate fits, with and without attenuation compensation are shown in

Fig. 7.29.

Figure 7.29 shows that for the majority of the 36 estimates the difference between the PBV

estimates with and without attenuation compensation is small. However, a few estimates do

show a significant difference. The average difference of the 36 measurements is -O.8ml, with a

standard deviation of 19.6ml. Based on the results, attenuation compensation is also applied

in the PBV measurement system.
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7.4.5 Choosing fit interval

Based on the in-vitro results, which have a relatively high SNR, the fit interval influences

the PBV measurement, although not much. However, the influence of the fit interval on the

quality of the fit (recirculation must be excluded) was also studied on in-vivo data. Due to

the lower SNR, especially for coloured noise, the fit interval is expected to influence the fit

quality. Furthermore, recirculation can occur in in-vivo data. For the LA and LV IDCs, the

standard fit interval where the endpoint is around 0.2 (of the maximum amplitude), suffices.

For the RV that interval is too small due to noisy behaviour of the RV IDC. This is caused

by the small ROI from which the RV IDC is derived. The fit quality proved to be optimal

when the endpoint of the RV was set to 0.05. The in-vivo RV IDCs thus must have a larger

fit interval to ensure a good fit. The length of the fit interval depends on the beginpoint and

endpoint of the IDC to be fitted, as shown in Fig. 7.30.

For future research it is suggested to implement an automatic optimal fitting interval

search of the IDCs in the same way as was done for the EF measurements. It is advised that

only the endpoint is varied from 0.3 downwards to 0.05, and that the correlation between the

IDC and the fit is carefully monitored. A decrease in correlation for a lower endpoint, and

thus longer fit interval, could mean a large noise peak or recirculation.
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Figure 7.30: The length of the fit interval is determined by the endpoint. The fit interval increases
as the endpoint is chosen smaller, e.g., 0.05 instead of 0.3 times the maximum amplitude.



Chapter 8

Results

The improvements of the EF and PBV measurement system that were described in Chapter 7,

should result in a more accurate estimation of the EF and PBV. The EF measurement is

performed on a set of 86 in-vivo measurements (initially 91, but 5 measurements had such

a poor SNR or a very low correlation to a LDRW model generated IDC, that they were not

further considered1).

8.1 FEF measurements

The final EF measurement system, as discussed in Chapter 7, is shown in Fig. 8.1, and has

been used to determine the forward ejection fraction (FEF) on a set of 86 measurements (each

consists of three curves, namely the RV, LA, and LV acoustic intensity curves). Refer to sec

tion 6.1 for an explanation of the blocks. The intensity curves are extracted from echographic

B-mode videos, measured during a patient examination2 using a Sonos 5500 ultrasound scan

ner (Philips Medical Systems) in power modulation mode. The adopted contrast agent was

SonoVue®.

The major differences with the method used initially, as shown in Fig. 6.1, are:

• An adaptive prefilter replaces the standard low-pass filter that was employed previously.

• The (sub)optimal fit interval, to fit the impulse response, is determined automatically.

• An automatic rejection algorithm is applied. The quality of the ultrasound measurement

is quantified in terms of the correlation between the adaptively prefiltered IDCs, and their

LDRW fit (the fit is also used for the PBV measurement). If the quality is too low for

reliable FEF estimation, the measurement is rejected.

lThe causes of poor measurements can be: bad mixing of the contrast, blood acceleration artifacts, acoustic
reverberation, speckle, backscatter oscillations due to pressure variations, bubble disruption due to ultrasound
pressure, and patient movement, as discussed in Chapter 5. However, another cause for very poor measurements
can be a small window between the patient's ribs.

2 All the data are provided by the Departments of Cardiology and Radiology of the Catharina Hospital in
Eindhoven (The Netherlands).
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Figure 8.1: Schemat'ic block-diagram of the improved algorithm to estimate the FEF.

The FEF estimates are compared to EF measurements obtained by the echographic bi

plane method on two- and four-chamber views with contrast opacification. The bi-plane

method uses a geometrical model to transform two perpendicular long axis planes into a three

dimensional one (volume). The model assumes the ventricle to be represented by a stack of

ellipses along the main axis (long axis) instead of circles, thereby adding one degree of freedom.

The result is an accurate [23] interpolation of the ventricular endocardium. However, none

of these techniques, which are based on geometrical models, can detect abnormal shapes due

to pathologic conditions (e.g., an aneurysm) [4, pp. 26-27].

First, the results of the FEF estimation on a data set of 86 in-vivo measurements, without

the improvements discussed in Chapter 7, are shown in Fig. 8.2. The correlation between

the FEF estimates obtained by the application of the indicator dilution theory in contrast

echocardiography and the bi-plane estimations equals 0.433.

Figure 8.3 shows the FEF estimation compared to the bi-plane method results, using the

measurements system from Fig. 8.1, however, without the use of the rejection algorithm. The

correlation is equal to 0.574, better than the results from Fig. 8.2.

Finally, Figure 8.4 shows the FEF estimation compared to the bi-plane method results,

with the application of the rejection algorithm. The rejection algorithm automatically ex

cludes several outliers that are caused by the deconvolution of IDCs with a low SNR, or IDCs

that did not have a clear IDC shape, resulting in an increase of the relatively low correlation

from 0.574 to 0.800.

Looking at Fig. 8.4, several issues can be noticed. For high EFs (>45%), only one mea

surement is overestimated. For low EFs «45%) a more equally distributed relation between

over- and underestimated measurements is present, although more measurements are overes

timated than underestimated. This could be explained by the results derived in section 7.3.3,

but also by the fact that a number of patients have valve insufficiency. Note that only aortic

valve insufficiency contributes to an underestimation of the EF, because the forward ejection

fraction (FEF) is measured. Mitral insufficiency does not contribute to this effect, because

the feedback results in a variation of the input IDC, which does not influence the result of

the system identification method.

Two other problems for some of the measurements are the fit interval and multiple peaks.
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An automatic fit interval is used. It searches the interval that provides the largest correlation

with the IDe. However, some impulse responses do not have the typical exponential decay

shape, but a peak with a great width. Figure 8.5 shows an example of such an impulse

response.

Some impulse responses do have the typical exponential decay shape, but they contain a

second peak within the decay. If the peak falls within the exponential decay, it is not clear

whether the peak belongs to the decay or is a result of, e.g., measurement noise, the FEF

result depends on inclusion or exclusion of the peak. The position and amplitude of the

peak are included by the fitting algorithm. Figure 8.6 shows one example of such an impulse

response.

These difficulties could explain some of the outliers of the in-vivo measurement, and the

large variation between the measurements (see Fig. 8.4).
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Figure 8.5: Difficult fit interval determination Figure 8.6: Difficult fit interval determination
due to the large width of the impulse response peak. due to the second peak in the impulse response.

Another method to illustrate and calculate the level of agreement between two measure

ment methods is the Bland-Altman plot [24]. The Bland-Altman statistical analysis shows a

bias equal to 3.1% and a standard deviation equal to 8.1%. These results are supported by [1],

which shows that the bi-plane results are underestimated with respect to the gold standard,

namely MRI. Since comparisons between different EF measurement techniques always show

significant standard deviations (usually of the order of 15% [4, pp. 143]), these results are

promising and prove the feasibility of the presented method.

These results were presented at the international IEEE-EMBS conference in Shanghai,

September 2005. Refer to [25] for a summary of the results and for a general overview of the

indicator dilution measurement method as discussed in this thesis.
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8.2 PBV measurements

The final PBV measurement system, as discussed in the Chapter 7, is shown in Fig. 8.8,

and has been used to determine the PBV on a set of 75 measurements. The in-vivo data

are the same as used in section 8.1. The number of measurements used is lower, because

the cardiac output of the patient during a measurement must be known. For several in

vivo measurement, the cardiac output was not known. The results of the PBV can not

be compared to gold standard values or other methods because the PBV is not commonly

measured in clinical practice due to the invasiveness of the available methods. Therefore these

measurements could not be performed on the patients under examination in this report.
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Figure 8.8: Schematic block-diagram of the improved algorithm to estimate the PBV.



78 Chapter 8: Results

8.3 EF-PBV relation

Another point of investigation is the relation between the EF and PBV. For the first time,

EF and PBV are available simultaneously, so the relation between both paraments has also

been subject of the study. Notice that the PBV results that are used are obtained by the

non-invasive PBV measurement discussed in section 6.2. A preliminary study [4, p. 167J indi

cated a relation between the percent EF increase and percent PBV decrease during Cardiac

Resynchronisation Therapy (CRT). CRT is sometimes referred to as biventricular pacing,

and is a therapy for congestive heart failure caused by dilated cardiomyopathy. CRT uses a

specialised pacemaker to re-coordinate the action of the right and left ventricles in patients

with heart failure. This preliminary study showed a strong correlation (~ >0.99) between

the percent EF increase and percent PBV decrease for N=4.

For this thesis, the data of 10 patients during CRT were processed, to compare the EF

increase with the (possible) PBV decrease. The results are shown in Fig. 8.9, where the

change is measured over a three months period after CRT. Out of 10 patients, 5 show an EF

increase and a significant PBV decrease, 2 show an EF increase, but little PBV change, 1

shows an EF decrease, but a PBV increase, and 2 show a clear EF increase as well as a PBV

decrease. The trendline clearly shows a negative correlation between EF and PBV change,

with a correlation coefficient of 0.4811.

In general, the validation of the relation between EF and PBV variations is not feasible

with only 10 points. Also notice that the change is given as a percentage. For low EF, the

relative increase or decrease is larger than it would be for high EF. For example, a small

change of the EF from 20% to 23% is an increase of 15%, while a change of the EF from

50% to 53% is only an increase of 6%. Also notice that the EF measurements performed

without contrast opacification are not absolutely accurate; inter- and intra-variability of 12%

and 10%, respectively, have been found. For example, if the measured EF of 20% before

treatment turns out to be 22%, and the measured EF of 23% after treatment turns out to

be 21%, an EF decrease of 5%. In this example, the EF measurements were 90% accurate,

however, the EF difference before and after treatment changed from a 15% increase to a 5%

decrease.

The EF~PBV relation is interesting for future research, though it is recommended that

patients with large EF differences before and after CRT are carefully selected to increase the

accuracy. A second consideration could be to measure the EF and the PBV before CRT with

MRI. However, a remark must be made: the EF is not the only indicator for patient well

being. Some patients have an EF increase, but they don't feel better or vice verse.



8.3 EF-PBV relation

-------- --------

79

if-Q)
til
ro
~
u
1=1 - 0 -20 -10.....
>
o:l
0..

•

10 20 30

•

•

•

•
100 lIO 120 130 I 0

•

• R = 0.4811
'------2t4e-o-I------------------------'

EF increase (%)

Figure 8.9: Relation between the percent EF increase and PBV decrease during Cardiac Resynchro
nisation Therapy (before and 3 months after treatment).



Chapter 9

Conclusions and discussion

The assessment of cardiac parameters, i.e., ejection fraction (EF), pulmonary blood volume

(PBV), and the cardiac output (CO), provides valuable information for both diagnosis and

patient monitoring. Unfortunately, some of these measurements used to be difficult to assess,

and required the use of invasive techniques and hospitalisation.

A previous study proposed a novel ambulatory technique for a minimally invasive quantifi

cation of EF and PBV. The invasiveness issue is overcome by using contrast echocardiography.

The cardiac parameters of interest can be assessed by a single peripheral ultrasound contrast

agent (UCA) bolus injection, resulting in a simple, quick, and minimally invasive measure

ment.

The EF measurement is based on the ventricular dilution system identification. A recursive

Wiener deconvolution technique is adopted to estimate the impulse response that characterises

the system. The EF of the left ventricle (LV) can be measured by the analysis of two indicator

dilution curves (IDCs), one from the atrium and one from the ventricle, which are used as

input and output signals of the ventricular dilution system. The IDCs are processed by the

Wiener deconvolution algorithm to estimate the ventricular dilution impulse response. The

estimated impulse response is fitted by a mono-compartment model for the EF assessment.

The PBV measurement is based on the mean transit time (MTT) between the right

ventricle (RV) and left atrium (LA) curves. Together with the cardiac output, the MTT

provides the PBV. The MTT of an individual IDC is derived from the parameters of the

LDRW model fit of the IDC.

The objective of this thesis was to improve the EF and PBV measurement system, by first

studying the different blocks of the measurement system, and then improve them or design

some additional parts.

In-vivo data were processed and several parameters were extracted so that a clear view

on how to build the simulation data was obtained. The in-vivo indicator dilution curves had

mean transit times (MTT) varying from 3s to 17s. For simulations a MTT of 3s to 12s was

81
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considered. The A parameter varied between 1 and 14, although 1 to 7 were most commmon

and thus used for simulations.

The measurement noise was investigated. It turned out that not only white noise with a

SNR of 25dB was present, but that the coloured, i.e., harmonic noise components, had much

larger amplitudes with SNRs up to 8dB. The cause of the low SNR due to harmonic noise was

related to the measurement method itself. The power modulation mode of the ultrasound

scanner caused bright white flashes in the ultrasound images, due to accelerating blood. The

frequency of this harmonic noise component was equal to the heart rate of the patient under

investigation.

The contrast agent Optison could not be used due to the large shadowing effect. As a

result, the LA curve was not detectable. SonoVue was used, because its shadow effect is much

less than that of Optison.

The MTT of the IDCs, the EF, and the heart rate all influence the measurement system.

When using a deconvolution to obtain the impulse response, the amount of energy in the

lower frequency area (below 1 Hz) had influence on the underestimation effect.

The final EF measurement system includes the following changes: an adaptive low-pass

filter is used to suppress the harmonic noise components due to blood acceleration, the fit

interval of the impulse response is determined automatically, and finally measurements with

a poor quality (very low SNR) are rejected based on their IDC shape (correlation of the IDC

with its local density random walk (LDRW) model fit).

The PBV measurement system was investigated in the same way as the EF measure

ment system. To optimise the PBV system, calibrated in-vitro data were used. In-vitro

measurements proved that the application of the same adaptive low pass filter as used for

EF measurements gave the best results. Furthermore, attenuation compensation is also im

plemented, because it compensates the LA acoustic intensity curve for attenuation, which is

basically measurement noise. Finally, when processing in-vivo data, the recirculation of the

contrast agent must also be taken into account to prevent overestimation of the PBV.

A previous study [4] indicated a possible relation between the percent increase of EF, and

the percent decrease of PBV, however only 4 patients were used. A total of 10 patients that

underwent cardiac resynchronisation therapy and from whom data was available before and

after the treatment, were used for this study.

From 10 patients, 5 show an EF increase and a significant PBV decrease, 2 show an EF

increase, but little PBV change, 1 shows an EF decrease, but a PBV increase, and 2 show a

clear EF increase as well as a PBV decrease. The trendline clearly shows a negative correlation

between EF and PBV change, however correlation is poor (0.4811). The EF-PBV relation is

interesting for future research, when more patient data is available, to provide clinicians with

more information on the physical condition of the patient.

The final results for the FEF measurement are: a total of 86 in-vivo measurements were
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processed, of which 16 were rejected. The EF of the 70 patients that remained was compared

to the EF measured with the bi-plane method and showed a correlation coefficient of 0.800.

The Bland-Altman plot showed a bias equal to 3.1% and a standard deviation equal to

8.1 %. These results are supported by [1], which shows that the bi-plane results are underes

timated with respect to the gold standard, namely MRI. Since comparisons between different

EF measurement techniques always show significant standard deviations (usually of the order

of 15%), these results are promising and prove the feasibility of the presented method.

Although the in-vivo measurements show a satisfying correlation coefficient, some remarks

on the method as well as on the results should be made.

The results of the forward-ejection fraction (FEF) measurements are compared to the

bi-plane method results. However, the bi-plane method is not considered a gold standard.

Furthermore, the bi-plane method relies on the expertise of the cardiologist, who delineates

the cardiac walls on the ultrasound images to calculate the ejection fraction. Even when

cardiologists process the same image several times, a deviation in the resulting ejection fraction

is seen [23]. Inter- and intra-variability of 12% and 10%, respectively, are found.

The gold standard in medical imaging is magnetic resonance imaging (MRI). Although the

image quality is very good, it has several drawbacks. First, a MRI follow-up study on patients

who are treated for cardiac resynchronisation therapy is impossible if they received a pace

maker. The interaction of the magnetic and radiofrequency fields with the implanted object

can lead to: trauma due to the shifting of the object in the magnetic field, thermal injury from

radiofrequency induction of heating of the object, or failure of an implanted device. Secondly,

the measurement takes a long time in comparison to the ultrasound measurement. Besides,

the MRI scanner can be experienced as quite uncomfortable for claustrophobic people.

The bi-plane method does not take valve insufficiency (i.e., aortic valve insufficiency), into

account. The proposed indicator dilution contrast echocardiography method measures the

FEF instead of the EF without the regurgitation taken into account. High aortic insufficiency

results in lower FEF values, and can thus result in discrepancy between the bi-plane method

and the indicator dilution methods. It is assumed that mitral insufficiency does not contribute

to the underestimation effect.

The applied Wiener deconvolution filter is still sensitive to noise. Furthermore, the ac

curacy of the results is dependant on the patient's heart rate, the mean transit time of the

measured indicator dilution curves, and the patient's thorax window (the space between his

ribs, through which the ultrasound waves are send and received). Heart rate variations during

the measurement also influence the EF estimation.

Finally, some future research possibilities are mentioned. When extending the ultrasound

echocardiography indicator dilution method, it becomes possible to measure more cardiac
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parameters of interest, e.g., regurgitation parameters. Together with the other valuable car

diac parameters, i.e., RV and LV ejection fraction, pulmonary blood volume and cardiac

output, it opens a window for new clinical studies. Another opportunity is the arrival of a

transesophageal echocardiogram (TEE) probe that can be set in power modulation mode,

however, other scanner settings which do not result in harmonic disturbance due to blood

acceleration, could also be investigated. The probe enables clinicians to make high signal

to-noise ratio images of the heart from within the esophagus with a high reproducibility.

The application of an MRl scanner is also possible when the patient does not have a pace

maker. Therefore, for patients without valve insufficiency, the indicator dilution results can

be compared to a gold standard.
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Appendix

A Duplicating ROIs in QLAB

Abstract

This section describes a method to manually

reproduce one or more Regions Of Interest

(ROIs) to multiple image files in QLAB 2.0, copy

right (c) 1991-2002 Philips Ultrasound. QLAB

Advanced Quantification Software is a software

application package, which creates an environ

ment for accessing images acquired on Philips

Ultrasound products and analysing the images

using quantification tools referred to as plug

ins. Each plug-in provides tools and methods

enabling clinicians to review and quantify the

various data in ultrasound images and assess

image content.

Introduction

QLAB Advanced Quantification Software is devel

oped for analysing images acquired on Philips Ul

trasound products. In the application area of car

diology, it is used to analyse echocardiography im

ages. Especially for analysing the perfusion func

tion of the coronaries.

In this research application (TUIe, Electri

cal Engineering, SPS) the images are used to ob

tain quantitative information on the cardiac out

put (CO), the ejection fraction (EF), and on the

pulmonary blood volume (PBV). The drawback

of the ultrasound device is its limited recording

time, namely 20 seconds. The Indicator Dilution

Curve takes in general 40 to 60 seconds. An IDC

thus consists of two or three image parts. On av

erage, every image consists of about 360 frames.

The ROIs indicated on an image file in QLAB are

stored on disc, but only for that particular image

file. For the second part of the IDCs (RV, LA,

and LV) the ROIs must be created again, result

ing in non identical ROIs for the different segments

of the IDCs. Concluding: problems arise due to

the 20 seconds recording limit of the ultrasound

scanner on the one hand and the absence of the

possibility to export the ROIs in QLAB to another

image file on the other hand.

Multiplication of ROIs III Qlab

A stepwise approach is being given to use the

same ROIs in QLAB on two or more image files.

The ROI plug-in in QLAB can define six different

ROIs, namely: polygon, freeform polygon, spline,

freeform spline, rectangle and square 5mm. The

ROI shape which is chosen does not matter. What

does matter is the number of ROIs chosen. In the

text below the number of ROIs is presumed n.

1. Select the ROIs of the cardiac areas in the first

image file. After an ROI is placed, a quan

tifying clock on the right bottom of the screen

indicates the progress. If finished, the clock dis

appears and the echo intensity curve (of either

the mean or the standard deviation) is visible

at the bottom of the screen.

2. Save the results to an Excel file by pressing the

89
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Conclusion

surement.

is similar to the the one in appendix B.I, ex

cept that it has only one ROI. Replace the

lines from <numrois>l</numrois> to </roiO>

by the lines copied in step 6. There is also

a number of other files in the folder (see ap

pendix B.2), where the number of files is equal

to the number of ROIs. Delete these files,

so QLAB recalculates the echo intensity of the

ROIs. Repeat this step for all image files of the

IDC measurement until all n files contain the

n ROIs.

Return to QLAB and open the second image

file of the measurement. Open the ROI plug

in. If the lines from the .xml file in step 6 are

pasted in the proper way into the other .xml

files, then n ROIs should appear, exactly as the

ROIs placed in step 1. At the same time, the

quantifying clock on the right bottom of the

screen appears and the echo intensity curves

on the bottom of the screen are built up. Now

save the data to an Excel file as in step 2 and

save the ROI information as in step 3. Cau

tion: only save the data if the quantifying clock

has disappeared.

The data from the different image files has

been saved, using identical ROIs. They can be

further processed with e.g. Excel or Matlab.

Save the results from the first image file in Ex

cel.

3. Save the coordinates of the ROIs.

4. Open the second image file of the measurement

and place one ROI on an arbitrary place in the

image. Repeat this step for all image files of

the measurement.

The ROIs from one image file can be used on mul

tiple image files in QLAB, by extracting the co

ordinate information and put it in the persistent

data file (an .xml file) of another image file. In

brief the procedure is as follows:

1. Select the ROIs in the first image file of a mea-

tice that the numbering of the ROIs begins at

o and ends at n-1. ROI 2 in QLAB is <roil>

in the .xml file.

7. Open the file (parameters. xml) in the second

oldest patient folder. The structure of the file

Save and Export Results button, a floppy disc

on the left bottom of the screen. Two remarks

should be made, first the ROIs are numbered

according to the time of creation. Secondly, the

order of the ROIs in the Excel file is dependent

on the ROI which is last edited or moved. So

ROIl (in Excel) is the ROI first created, while

it can be at the bottom of the file if it was last

moved.

3. Save the ROIs by pressing the Exit Quantifica

tion button, an open door on the left bottom

of the screen. QLAB will ask: Do you want to 8.

update persistent data'? By pressing "Yes", the

ROIs and the calculated echo intensity curves

are saved on disc.

4. Open the second image file of the IDC mea

surement. Place a ROI on an arbitrary place

in the image. The location and shape of the

ROI do not matter. Press the Exit Quantifica

tion button and select "Yes" if asked for Update

persistent data. Repeat this step for all image

files of the measurement until all n image files

of the measurement contain one ROI.

5. Open the persistent data folder (default is:

\Program Files\Philips\QLAB\persistent

data). This folder contains folders where

the coordinates of the ROIs are stored in

.xml files. The folders are named like

date_time_patient_... If sorted on date cre

ated, the oldest folder (of one patient) contains

the first files of the IDCs and it contains the

ROIs that should be copied to the other image

files (2nd to nth file).

6. Open the file (parameters. xml) in the oldest

patient folder, e.g. in WordPad. The struc

ture of the .xml file (containing three ROIs)

can be seen in appendix B.I. Copy the part

from <numrois>n</numrois> to </roin>. No- 2.
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5. Open the persistent data folder (default is:

\Program Files\Philips\QLAB\persistent

data).

6. Open the file (parameters. xml) in the oldest

patient folder, e.g. in WordPad. Copy the part 8.

from <numrois>n</numrois> to </roin>. See

appendix B.I, the lines between the dotted

lines.

7. Open the file (parameters.xml) in the sec-

B File structures
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and oldest patient folder. Replace the lines

from <numrois>l</numrois> to </roiO> by

the lines copied in step 6. Delete the other

files in the folder (see appendix B.2).

Return to QLAB and open the second image

file of the measurement. Open the ROI plug

in. Save the data to an Excel file as in step 2

after the quantification clock has disappeared.

Save the ROIs as in step 3.

B.l Structure of .xml file

<?xml version=11.0"?>

<PDRoot>

<PD_Version>2</PD_Version>

<trim>

<framesN>342</framesN>

<activeN>342</activeN>

<current>

<frame>O</frame>

</current>

<first>O</first>

<last>341</last>

<ftime>O.OOOOOO 0.060000 ... </ftime>

<tags>O 0 2 0 0 0 0 ... </tags>

<backgroundFrame>-l</backgroundFrame>

</trim>

<numrois>3</numrois>

<roiO>

<roi>

<shape>1536</shape>

<ID>101</ID>

<x>138</x>

<y>161</y>

<width>48</width>

<height>41</height>

</roi>

<results>

<numDataTypes>l</numDataTypes>

</results>

</roiO>

<roil>

<roi>

<shape>1536</shape>

<ID>102</ID>

<x>207</x>

<y>247</y>

<width>77</width>

<height>67</height>

</roi>

<results>

<numDataTypes>l</numDataTypes>

</results>

</roi1>

<roi2>

<roi>

<shape>1536</shape>

<ID>103</ID>

<x>229</x>

<y>137</y>

<width>60</width>

<height>69</height>

</roi>

<results>

<numDataTypes>l</numDataTypes>

</results>

</roi2>

</PDRoot>
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B.2 Persistent data files

stats 101 2135253871

stats 102 2135253871

stats 103 2135253871

stats 10n 2135253871

Appendix

C Processing echocardiographic data

Section A shows how to manually reproduce one or more Regions Of Interest (ROIs) to

multiple image files in QLAB 2.0, so that a complete acoustic intensity curve comprising of

two or three parts of 20 seconds, can be acquired. However, to process these curves so that

the cardiac parameters can be extracted, additional steps are required. This section shows

the steps so that the two or three Excel files created with QLAB can be processed in Matlab.

C.l Sample frequency and heart rate

Figure 4.8 shows a screenshot of QLAB. Two parameters that are needed and must be ex

tracted are the sample frequency of the echographic video and the heart rate of the pa

tient undergoing the measurement. The sample frequency can be calculated by using the

data presented in the line on the left hand bottom: 282/378 14.88s/19.95s (0.063s, 15.9Hz).

Divide the total number of frames by the duration of the echocardiographic video, e.g.,

378/19.95 = 18.95 Hz. The heart rate can be found in the middle left of the screen, ex

pressed as BPM. In Fig. 4.8 the heart rate equals 49 bpm, but it can be checked by counting

the peaks in the ECG (plotted below the main video frame) and dividing them by the dura

tion of the echocardiographic video, e.g., (15/19.95) *60 = 45.11 bpm. The 49 bpm is, most

of the time, a more accurate indication.

C.2 Gap size

The gap size (in missing frames) can also be calculated, using the counter right above GAIN

90 in the middle left of the screen of Fig. 4.8. The gap size can't be determined directly

because the frame rate of the ultrasound scanner and the echographic videos are different. A

correction has thus to be applied.

First of all, assuming two parts (two videos of approximately 20 seconds), write down

the counter at the end of the first video, in Fig. 4.8 e.g., around 9473.12 (counter is not yet

at the end of the video). Secondly, write down the counter at the beginning of the second

video, assume 9475.07. Now let qlab_irnport.rn (section C.4) calculate the number of missing

frames (QlabFrames) that should be included in the final Excel file. If the complete acoustic

intensity curve consists of three parts, repeat this step for part two and three.
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C.3 Create Excel file
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Create the Excel file as shown in Fig.6.2. The first three column are the data of the three

ROIs, where each column comprises two or three parts (columns) with a number of empty

lines in between (calculated by qlab_import. m). The column that should be inserted from

the generated Excel files by QLAB is the second (logarithmic data) column (for each ROI).

Finally, include the heart rate and sample frequency (obtained in section C.1) and the

measured cardiac output and ejection fraction (using the bi-plane method) if known. With

the cardiac output, the PBV can be calculated, with the EF, a comparison between the used

method and the bi-plane method can be made.

If the Excel file is generated correctly, it can be imported into Matlab, the curves can be

plotted, the cardiac parameters can be calculated, the quality of the curves can be determined,

etc.

C.4 Matlab code for calculating missing frames

function qlab_import(sf,gap_end,gap_start)

%QLAB_IMPoRT calculates the number of missing frames from the echocardiograpic video.

% QLAB_IMPoRT has three imput arguments:

% sf, the sample frequency of the echocardiograpic video

% gap_end, the counter (including decimals) of the end of the first video file

% gap_start, the counter (including decimals) of the begin second video file

%
%Caution:

%
%Caution:

%

gap_end must be smaller than gap_start,

if not, the function will automatically correct this.

it is presumed that the sample frequency of the ultrasound scanner videos

is 25 Hz.

%
%The function returns the number of missing frames of the ultrasound scanner

%as well as the echocardiograpic video, that must be put in between the data

%of the RoI of two data-files in Excel.

if gap_end == gap_start

'The points in time can not have the same value, please check your echo-images.'

return;

end

if gap_end > gap_start

temp=gap_end;

gap_end=gap_start;

gap_start=temp;

end
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gap_end_l=floor(gap_end);

gap_end_2=100*(gap_end - floor(gap_end));

gap_start_l=floor(gap_start);

gap_start_2=100*(gap_start - floor(gap_start));

%integer

%decimals

%integer

Y. decimals

Appendix

%Algorithm to calculate the number of empty frames (from the framegrabber)

%The number of lines (Qlab_frames) that must be inserted in Excel as empty rows.

ultrasound_frames = 25*(gap_start_l - gap_end_l) + (gap_start_2 - gap_end_2)

QlabFrames = round«ultrasound_frames/25)*sf)
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Chapter 1

Assignments

1.1 Graduation Project in Brief

Ejection fraction and intra-thoracic blood volume assessment by contrast echocar
diography.

Ultrasound Contrast Agents (UCA) are becoming extensively used in echocardiography
for the contour-detection improvement in difficult images, but their employment for objective
measurements is still in an early stage. A study on the measurement of cardiac parameters by
use of UCA is in progress since 2001 in cooperation with the Catharina Hospital Eindhoven.
The ultimate goal is the assessment of cardiac output (blood flow through the heart), blood
volumes, and ejection fractions (left and right ventricles) by a single UCA injection. The
analysis of the echo-graphic videos that record the flow of contrast through the heart provides
all the information for the cardiac parameter measurements. In this context, a project is
available for blood volume and ejection fraction measurements. The aims are the assessment
of blood volumes - in particular the intra-thoracic blood volume by use of UCA peripheral
injections and echocardiography - and the assessment of the ejection fraction of the left
ventricle. The topic covers various areas of study, such as image processing, mathematical
modeling, programming (mainly Matlab and Labview), ultrasound physics, and physiology.
Before the validation of the system with real patients, intensive in-vitro experimentation at
the Catharina hospital will be necessary.

1.2 Literature Search Assignment

If the questions below are answered, we can arrive at the research question that forms the
basis of the literature search. Answering the questions will also make sure that search is
delimited.
Research questions:

1. What is the aim of the literature search?

• To prevent doing research that is already done.

• To obtain insight of how far the science in your area has evolved to this point of
time.

• To obtain information and knowledge that is the basis and helps to do the research
right (both in depth and breadth).

1
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2. Which information / aspects should especially be found in the literature?

• Indicator dilution curve (IDC, Indicator dilutie curve)

• Time intensity curve

• Indicator dilution theory (indicator dilutie theorie)

• Determination (measurements) of the cardiac parameters

• Cardiac output (CO, hart-minuut-volume)

• Pulmonary blood volume (PBV, pulmonair bloed volume)

• Ejection fraction (EF, ejectie fractie) and forward ejection fraction (FEF)

• Regurgitation effect (e.g. mitral valve insufficiency) on cardiac parameters

• Echocardiography (echocardiografie)

• Characterisation of contrast agent (Optison, SonoVue) (contrastvloeistof)

• Application of the Random Walk (RW) model (for echocardiography)

3. How extensive should the search be?

Measuring cardiac parameters using a RW model fit from the indicator-dilution
curves that are acquired with echocardiography is a relatively new technique. Espe
cially the measurement of the ejection fraction, which is done by the deconvolution
of two IDCs, also known as system identification. So I want as much information
as possible that's available in literature, about measuring cardiac parameters from
the IDCs acquired by echocardiographic images, available in literature.

4. In which period should the search be conducted?

If an historical picture of the development on measuring cardiac parameters (such
as cardiac output, pulmonary blood volume and ejection fraction) should be ob
tained, then the period should go back far enough until the historical picture on
measuring cardiac parameters is complete (a historical review on this topic is prob
ably available in a recent work (e.g. from the last decades)).

5. What is the importance of finding the latest literature?

Very important, the graduation project encloses a relatively new (application) area.
Nevertheless, there is a high probability that literature has been written on this
subject (probably on a partial are of the project). Because of this new application
of echocardiography it's especially important to find the latest literature!

6. In which region / part of the world should the search be aimed?

In this case, the search must contain Europe, but it is likely that there could be
done some research in this area in the United States or in the Far East. So a global
search would be no luxury.
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7. Which types of publication should be included in the search?

3

• For the historical information (former methods and methods that are presently
being used for measuring cardiac parameters) books will give sufficient information.
Probably the background (e.g. mathematics) of the methods is described in books.
(see library catalogues)

• For the latest developments on the application of echocardiography for measuring
cardiac parameters, journals, conference proceeding, graduation reports, and dis
sertations will result in a vast amount of useful information (see bibliographies and
contents databases).

8. Which type of literature should be taken into account?

The spearhead should be specialist literature. The aim is finding mathematical
derivations, models for fitting the IDCs, and (proposed) applications for measuring
cardiac parameters with the IDCs obtained from the echocardiographic images.

From above eight questions a research question should be derived (especially question 2 is
important):
I'm searching primary for information on the measurement of parameters that are a measure
of the function of the heart, like cardiac output, pulmonary blood volume, ejection fraction
(both FEF and REF), and regurgitation derived from indicator-diLution-curves (with or with
out pre-fit by a Random Walk model) that are obtained from echocardiographic images (with
the help of contrast agents (e. g. Optison and Sono Vue)), as well as information on past and
present techniques for measuring the above mentioned cardiac parameters.



Chapter 2

Draft Table of Contents of
Graduation Report

This chapter presents the temporary Table of Contents of the final graduation report. It is
drawn up from the description of the assignment on the one hand and from the planning
on the other hand. Though it is possible that during the project some minor changes are
introduced to the TOC.

Temporary Table of Contents of the final report:

1. Introduction

2. Cardiac parameters and their measurement

- blood volumes (especially pulmonary blood volume)

- ejection fraction

3. TTE & TEE, noise ratio's and correlation spectra

4. Indicator dilution theory, modelling, simulation and fitting & regurgitation

5. System identification and Wiener deconvolution + simulation

6. Validation in-vitro and in-vivo (TEE preliminary results)

7. Conclusions and perspectives (MRI)

The relations between the temporary table of contents and the references that are presented
at the end of this report, can be seen in chapter 6.
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Chapter 3

Search Terms and Sources

This chapter presents the search terms used, for finding the literature (mostly articles). The
search included English as well as Dutch terms, because some of the sources used a search
engine which was superior for Dutch instead of English terms. The second part of this chapter
presents the sources that were included in the search. Specific information is given about:
the order in which the sources were consulted, whether double results were found in different
sources, the indexes that were most used for searching, and finally if there were sources which
produced no results for the used search terms.

3.1 Search Terms

The search terms used, can be divided into three groups. Namely indexes, general search
terms, and combinations of the general search terms.

Remark Almost all sources have their own search engine, which differs from the others. One
has to make itself acquainted with the possibilities and disabilities of the used sources. For
example, truncation and wildcards can differ. The meaning of the symbols "?", "*", and "$"
are not the same throughout all the search engines!

Another point of attention, like in the remark, is the use of combined words. Some search
engines use the boolean operators NEAR or ADJ, while others use quotation marks "high
voltage". This to make sure literature that is found, contains "high voltage" and not "high
metal objects are not sensitive to low voltage". Search engines where no boolean operators
or brackets are used for combining words, can also be found.

Index terms

• indicator dilution - indicator dilutie (Dutch)

• echocardiography - echocardiografie (Dutch)

• contrast agent - contrastvloeistof (Dutch)

• time intensity curve*

5
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General search terms
Note that the Dutch search terms for the items below from section 1.2 were also used.

a. indicator dilution OR tracer dilution OR time intensity curve*

b. cardiac output

c. (pulmonary) blood volume I central blood volume

d. ejection fraction

e. random walk model

f. ultrasound (ultrageluid)

g. echocardiography

h. regurgitation

i. Wiener filter

j. deconvolution (also convolution)

Combinations of general search terms
a AND b a AND c a AND d
a AND e
a AND f a AND g
a AND f AND g
a AND h a AND j a AND i AND j

In case the number of search results from each set of the combinations of general search
terms wasn't small enough, it was further narrowed by adding an extra search term to the
search set. If a search contained more than hundred hits, it was narrowed.

3.2 Sources Consulted

The sources are presented in order of time they were consulted. The sources mentioned first,
were first consulted. The last mentioned source is the last one that was used.

Catalogue Eindhoven
Source medium
Search engine
Indexes most used
Useful hits
Search Period

INSPEC
Source medium
Search engine
Indexes most used
Useful hits
Search Period

University of Technology (TUIe)
Online (http://library.tue.nllcatalog/Vubis.csp)
VubisSm@rt
xxx
15
September 11, 2004

Online (http://webcd.libr.tue.nl:8595/webspirs/start.ws)
WebSPIRS 5
xxx
63
September 15, 2004



Online (http://www.sciencedirect.com/science/search/database)
ScienceDirect Navigator
xxx
12
September 21, 2004

Chapter 3: Search Terms and Sources

IEEE-lEE Electronic Library (IEL)
Source medium Online (http://www.ieee.org/ieeexplore)
Search engine IEEE Xplore
Indexes most used xxx
Useful hits 10
Search Period September 16, 2004

ScienceDirect
Source medium
Search engine
Indexes most used
Useful hits
Search Period
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Web of Science
Source medium Online (www.isiknowledge.com)
Indexes most used xxx
Useful hits 5 (0 hits through citations)
Search Period September 28, 2004

Online Contents (PICA)
Source medium Online (http://picarta.pica.nljDB=2.3/LNG=NE/)
Indexes most used xxx
Useful hits 2
Search Period September 28, 2004

PASCAL
Source medium Online (http://picarta.pica.nl/DB=21.4/LNG=NE/)
Indexes most used xxx
Useful hits 4
Search Period September 29, 2004

Catalogue Delft University of Technology (TUD)
Source medium Online (http://aleph.library.tudelft.nl/)
Indexes most used xxx
Useful hits 3
Search Period September 30, 2004

The number of useful hits is without double results. Finally, two internet search engines
have been used, namely Google (http://www.google.com) and Dogpile, a meta-search engine
(http://www.dogpile.com). Both provided some useful, though already obtained, results. The
last search was done at September 30, 2004.



Chapter 4

Selection Criteria and Obtained
References

During the search many references were found that were (on first sight) relevant. They were
found with the search terms described in section 3.1. But the "indicator dilution theory"
has been applied in many research areas, e.g. nuclear imaging, and thermodilution. For that
reason only the references that applied to the area of echocardiography have been selected.
For some articles the title clearly indicated that the article was about echocardiography.
Though most of the times, the abstract of the articles had to be read. The summary could
always indicate whether the article was relevant or not, so the full-text has never been used
for that reason.

4.1 Moment of Selection

During the first searches (in this case in the bibliography of the TV Ie and INSPEC) it was
not completely known how to search efficient and how results could be used to search more
precise. Later on the overall picture on what kind of references there were and the research
areas the references dealt with, became more clear. As a result of that, the search became
faster and more strict. The references that were really relevant and described the application
of the indicator dilution theory in the field of echocardiography and ultrasound were selected.

For the majority of references the abstract was enough to indicate whether or not the
reference was relevant enough to be chosen. In some other cases the full-text was used to
conclude whether the references was useful or not.

From the references that were found and added to the semi-final list, the most important
were available in full-text within the period of the search. About 25% of the final list of
references were direct available in full-text.

4.2 Obtained References

Finally about 115 references (see section 3.2) have been found that were relevant enough at
first sight. After carefully studying the references the final list contains 32 references plus 9
references from the reference list in [1] (see the List of References at the end of this document).
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Chapter 5

Snowball Method and Citation
Method

In this chapter two methods will be presented to find the relationships between the publica
tions and to find new relevant references. For each method a start publication is chosen, from
which the other publications were found. Finally the relationship between the publications
is reflected in a schematic diagram. Only the references that have the subject measuring the
ejection fraction or the pulmonary blood volume by applying the indicator dilution theory in
contrast echocardiography were selected.

5.1 Snowball Method

The snowball method implies picking out relevant titles out of the literature reference list of
a known key publications. The nice thing about this method is that it produces many hits.
The drawback is the fact that this approach only produces titles that are older than the target
work. Nor will all titles be equally relevant for the research. The search thus is back in time.

The start publication is a thesis (Contrast Echocardiography for Cariac Quantifications,
from Mischi, M. [1]), that describes the latest research that is done in the for the graduation
report relevant area.

The snowball diagram is shown in figure 5.1, and also contains a reference to the dotted
box. These are publications from M. Mischi that are extremely relevant, but reference [1]
contains all the articles and publications in the thesis itself. Therefore they are not included
in the snowball diagram. The complete list of publications for M. Mischi can be found in [1].

5.2 Citation Method

The citation method on the other hand enables you to find documents based on - and published
later than - a key publication. They can be found because they refer to the key publication.
The search is conducted in the Science Citation Index Expanded (see 3.2). Publications of
M. Mischi are too recent. Therefore, reference [27] is taken as a starting point. The citation
method diagram is shown in figure 5.2. In the citation methode diagram, reference [:I.] also
contains numerous other publications from M. Mischi (see 5.1).

9
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Snowball nlethod

2000 Zierler2000 [12]

1996 Gustavsson1996

1992

1988 I Rovai1987 [27]
Bogaard1986 [28]

1984

1980

2004

2002

2000
1996
1992
1988

1984

Bogaard1985 [29]
Bogaard1984 [30]

Reth1983 [33]

Figure 5.1: Snowball diagram

Citation method

I Mischi2004 [1] l

I
Mischi2002 [6]

I

r Zierler2000 [12] I

I
Rovai 1987 [27]

I

Figure 5.2: Citation methode diagram



Chapter 6

Correlation Between References
and Draft Table of Contents of
Graduation Report

The aim of this chapter is to present the relationship between the obtained references and
the chapters from the final graduation thesis (see chapter 2) in matrix form. The references
are sorted chronologically, from latest to oldest, so reference 1 is the latest, reference 41 the
oldest. Due to the large number, the references are divided over two tables. The references
one to twenty are in table 6.1, the references twenty-one to forty-one are in table 6.2.

I Chapter ~ References 1-20

1. 1 4 6 7 17
2. 1 2 3 4 6 11 12 15 16
3. 1 8 9
4. 1 5 10 12 13 14 16 17 18 19 20
5. 1
6. 1 11
7. 1 15

Table 6.1: References in relation to the graduation assignment - references 1-20

I Chapter ~ References 21-41

1. 34 35
2. 26 27 36 37 39
3.
4. 21 22 23 27 28 29 30 31 33 38 39 40 41
5. 22 24 32
6. 23
7. 25

Table 6.2: References in relation to the graduation assignment - references 21-41
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Chapter 7

Conclusions and Recomnlendations

A total of 41 relevant references has been found throughout a large number of sources, mostly
bibliographic databases (http://www.tue.nljold/bib/e/bsecd.html).

The snowball method produced one new reference. It was as expected that not many new
references would be found, because the specific research area (measuring pulmonary blood
volume and ejection fraction with non-invasive echocardiography) is completely new. The
citation method produced no new references.

The obtained references were all known to the project supervisor, due to the fact that
the graduation project is a follow-up of a PhD. project. Nevertheless, insight of the project's
history is obtained, and at the same time an overview of the researchers in this area has been
obtained.

Future applications are measuring the cardiac parameters of interest with transesophageal
echocardiography (TEE) which should provide more accurate measurements. The method of
determining the ejection fraction can be improved, and further developed using adaptive
Wiener filtering. Also, the correlation between ejection fraction and pulmonary blood volume
can be investigated as a result of the new available measurement methods. So these new
developments can be the spearheads in future literature studies.
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