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Cardiac volume has been estimated using conductance technology that 

generates an instantaneous volume-dependant conductance signal. Unfortunately, 

the measured conductance is a combination of blood and myocardium, but only 

the blood conductance is desired. Hence, the instantaneous parallel myocardial 

contribution must be determined and removed from the total measured 

conductance signal in order to accurately measure cardiac volume. The currently-

adopted method assumes that the conductance-volume relationship is linear and 

the myocardial contribution to the total measured conductance is constant during 

a cardiac cycle. It also ignores either myocardial conductance or capacitance 

when estimating the myocardial contribution. This dissertation deals with these 

issues, and derives and validates a nonlinear conductance-to-volume conversion 
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equation. It also proves that myocardial contribution varies during the cardiac 

cycle and develops a new method to calculate myocardial contribution using the 

fact that myocardium is both conductive and capacitive.  

 

 

 viii



Table of Contents 

List of Tables.......................................................................................................... xi 

List of Figures .......................................................................................................xii 

Chapter 1  Introduction ........................................................................................ 1 
1.1 Motivation ................................................................................................ 1 
1.2 Background .............................................................................................. 3 

1.2.1 Conductance-to-Volume Conversion Equation ........................... 3 
1.2.2 Estimation of Myocardial Contribution ....................................... 6 
1.2.3 Electrical Properties of Myocardium ........................................... 9 

1.3 Objectives............................................................................................... 10 

Chapter 2  The Nonlinear Conductance-Volume Relationship of the 
Conductance Catheter System: Theoretical,  Empirical, and 
Numerical Analyses.................................................................................... 13 
2.1 In Vitro KCl Solution Experiments ........................................................ 13 
2.2 Theoretical Analysis............................................................................... 18 
2.3 Empirical and Numerical Analysis ........................................................ 22 

Chapter 3  Comparison of the Performance of Baan's Equation, the 
Analytic and Empirical Approximations ................................................. 27 
3.1 Application of Conversion Equations on Experimental Results ............ 27 
3.2 Baan's Equation ...................................................................................... 31 
3.3 Analytic Approximation......................................................................... 34 
3.4 Empirical Approximation....................................................................... 35 

Chapter 4  Construction of 3D Left Ventricle Finite Element Models from 
MRI Images ................................................................................................ 37 
4.1 MRI Image Processing ........................................................................... 37 
4.2 Construct 3D Mouse LV Models ........................................................... 42 
4.3 Finite Element Model............................................................................. 43 

 ix



4.4 FEMLAB® Simulation Results .............................................................. 47 
4.5 The Method to Derive the Component Values in Equivalent Circuit 

Models ................................................................................................. 49 
4.6 Error Analysis for the Papillary Muscle................................................. 52 

4.7 Sensitivity Analysis for the FEMLAB® Model ..................................... 54 

Chapter 5  In Vivo Mouse Measurements ......................................................... 57 
5.1 Instrumentation....................................................................................... 57 
5.2 Experimental Procedure ........................................................................ 59 

5.2.1 In Vitro KCl Solution Measurements......................................... 59 
5.2.2 In Vivo Mouse Measurements .................................................... 60 
5.2.3 Equivalent Circuit Model from In Vivo Mouse Measurements . 60 

5.3 Experimental Results.............................................................................. 61 
5.3.1 Phase Calibration fro Instrumentation........................................ 61 
5.3.2 In Vitro KCl Solution Measurements......................................... 63 
5.3.3 In Vivo Mouse Measurements .................................................... 64 
5.3.4 Model Derived from In Vivo Mouse Measurements .................. 67 

5.4 Discussion .............................................................................................. 68 

Chapter 6  Conclusion......................................................................................... 71 
6.1 Proposed New Experimental Protocol ................................................... 71 
6.2 Summary and Future Work .................................................................... 72 

Appendix  Modeling Files..................................................................................... 74 

References ............................................................................................................. 81 

Vita . ...................................................................................................................... 85 

 x



List of Tables 

Table 4.1: Electric properties in each domain ................................................... 47 

Table 4.2: End-diastolic and End-systolic Finite Element Models ................... 48 

Table 4.3: Components in Equivalent Circuit Models for the finite element 

models with and without the ellipsoid.............................................. 54 

Table 5.1: Components in Equivalent Circuit Models at End-diastole and 

End-systole from finite element models and in vivo mice 

measurement data............................................................................. 67 

 

 

 

 xi



List of Figures 

Figure 1.1: The catheter and electrodes in a mouse cardia ................................... 2 

Figure 1.2: The distribution of electric field intensity in a field generated by 

(a) a four-electrode catheter (b) two large flat electrode plates 

with insulating lateral boundaries ...................................................... 6 

Figure 1.3: (a) Measured conductance and pressure signals (b) orthogonal 

regression using paired minimal v.s. maximal volumes generates 

a linear relation between observed conductance as a function of 

changing blood conductivity. Extrapolation of relation to line of 

identity (which corresponds to σ=0) gives a single steady state 

myocardial conductance .................................................................... 8 

Figure 2.1: Plexiglas and the conductance catheter ........................................... 14 

Figure 2.2: Comparison of the measured data to the estimated results by 

using Baan’s equation. (a) mouse catheter (b) rat catheter .............. 16 

Figure 2.3: The distribution of electric field intensity in two different sizes of 

cylindrical containers, simulated by FEMLAB® ............................. 17 

Figure 2.4: Two source electrodes and two sensing electrodes are placed in 

an infinite medium ........................................................................... 20 

Figure 2.5: The conductance gb versus α(gb) plot for FEMLAB simulation 

data ................................................................................................... 23 

 xii



Figure 3.1: Comparison of measured data and conductance-volume curves 

estimated by Baan’s equation, the analytic, and the empirical 

approximations in KCl solution experiments, where ‘o’ are 

measured data. (a) the mouse-sized volume experiment, 

measured by the mouse catheter (b) the rat-sized volume 

experiment, measured by the rat catheter (c) the ginf-approached 

volume experiment, measured by the mouse-sized catheter ............ 30 

Figure 3.2: Plot of maximum measurable conductance ginf versus catheter 

depth for the mouse and rat catheters............................................... 31 

Figure 3.3: Plot of true conductance-volume curve versus Baan’s equations 

with different values of 1/α .............................................................. 33 

Figure 3.4: Comparison of Baan’s equation, the true conductance-volume 

curve, the measured data (circles) and its regression line ................ 33 

Figure 4.1: The original mouse MRI thoracic image (b) the cardiac portion .... 37 

Figure 4.2: The process of image enhancement ................................................. 38 

Figure 4.3: Enhanced Images for different locations of mouse cardia ............... 40 

Figure 4.4: (a)&(b) The detected pixels by Canny edge detector, (c)&(d) the 

marked circles are the pixels relative to myocardial outlines, 

(e)&(f) the detected blood and myocardial outlines lying on their 

original images ................................................................................. 41 

Figure 4.5: The 3D mouse LV model is made by stacking detected edges ........ 42 

Figure 4.6: Geometry objects of 3D mouse LV model: (a) myocardium  (b) 

blood  (c) catheter with four electrodes............................................ 43 

 xiii



Figure 4.7: The settings of solver parameters in FEMLAB. (a) general tab 

(b) iterative tab ................................................................................. 46 

Figure 4.8: Magnitude versus phase of the calculated admittance at 10 and 

100 kHz ............................................................................................ 48 

Figure 4.9: The equivalent circuit model for mouse LV derived from 

simulation ......................................................................................... 49 

Figure 4.10: The equivalent circuit models (a) end-diastole (b) end-systole ....... 51 

Figure 4.11: (a) The detected blood and myocardial outlines  (b) the 

corresponding cross-section of the myocardium in the finite 

element model .................................................................................. 53 

Figure 4.12: Comparison of the size of the blood object and the inserted 

ellipsoid, (a) The blood object (b) the inserted ellipsoid to 

represent papillary muscle................................................................ 53 

Figure 4.13: Sensitivity analyses of the calculated admittance with respect to 

blood conductivity, myocardial conductivity, and myocardial 

permittivity (a) phase (b) magnitude................................................ 56 

Figure 5.1: The block diagram of dual-frequency phase measurement system 

.......................................................................................................... 58 

Figure 5.2: Phase calibration measurements in saline of known 

conductivities. Measured phases are calculated by performing 

FFT ................................................................................................... 62 

Figure 5.3: The phase measured at different-sized of holes filled in with KCl 

solution ............................................................................................. 63 

 xiv



Figure 5.4: In vivo phase measurements in 6 mice, measured at 10 and 100 

kHz ................................................................................................... 65 

Figure 5.5: The magnitude-phase relationships of the measured admittance 

measured at both 10 and 100 kHz. (a) mouse 3 (b) mouse 5 (c) 

mouse 6 ............................................................................................ 66 

 

 

 

 

 

 

 

 

 

 

 

    

 

 

 xv



Chapter 1   

Introduction 

 

 

1.1 MOTIVATION 

Pressure-volume analysis is the gold standard for assessing myocardial 

function. Left ventricular (LV) pressure-volume relationship on a beat-by-beat 

basis during the occlusion of the inferior vena cava allows precise hemodynamic 

characterization of LV systolic and diastolic function and loading conditions [1, 2]. 

These measurements provide an excellent tool to quantify cardiac pathology, such 

as congestive heart failure [3, 4]. 

For decades, gene research has been an extremely hot field, and transgenic 

mice offer a valuable mechanism to relate gene products to phenotype. In general, 

researchers add an exogenous gene into the DNA of mice, and then observe the 

changes in their next generation. If these exogenous genes are related to myocardial 

function, experimental techniques, such as pressure-volume analysis, are needed to 

assess the cardiovascular phenotype. The mouse cardiac pressure signal can be 

measured precisely with modern technology. However, the measurement of 

instantaneous volume has been problematic due to the small size of the mouse heart 

and its rapid rate (up to 600 bpm). Conductance technology has been miniaturized 
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to generate an instantaneous conductance signal, which is proportional to volume, 

to solve this problem [5, 6]. 

The conductance catheter system consists of a four-electrode catheter 

inserted into the mouse LV to generate an intraventricular electric field as shown in 

Fig. 1.1, and to continuously measure the instantaneous conductance change as the 

LV fills and then ejects blood. Quantitative measurements of the LV blood volume 

are required for pressure-volume analysis. Unfortunately, the measured 

conductance is a combination of LV blood and myocardium, but only the blood 

conductance is related to the LV blood volume. Hence, the instantaneous parallel 

myocardial contribution must be determined and removed from the total measured 

conductance signal in order to accurately measure LV volume.  

 

Fig. 1.1 The catheter and electrodes in a mouse cardia 
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1.2 BACKGROUND  

1.2.1 Conductance-to-Volume Conversion Equation 

The currently accepted conductance-to-volume conversion equation 

proposed by Baan and his coworkers in 1984 is  

)(1))((1)( 22 tgLGptGLtVol bmeas ρ
α

ρ
α

=−=    (1.1) 

where Vol(t) is the instantaneous volume signal (l) , 1/α is an empirical calibration 

factor to correct for the inhomogeneous electric field and the overall uncertainty of 

the system, ρ is the blood resistivity (Ω-m), L is the distance between the voltage 

sensing electrodes (m), Gmeas(t) is the instantaneous measured conductance (S), Gp 

is the conductance of the surrounding myocardium or parallel conductance (S), and 

gb(t) is the blood conductance (S) [2]. Experimentally, stroke volume (SV) is 

measured independently and then α is determined by forcing the volume difference 

resulting from the measured end-diastolic and end-systolic conductance, gb-ED and 

gb-ES, to be the same with SV, that is: 

  
SV

gLgL ESbEDb )( 22
−− −

=
ρρ

α      (1.2) 

Baan’s equation was based on the assumption of the ventricle shape approximately 

being a cylinder. The volume (Vol) of cylinder-shaped ventricular blood with 

cross-section area A and height L can be expressed as 

  LAVol ⋅=        (1.3) 

The blood conductance gb can be calculated from: 
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I is current (A), V is voltage (V), 
→

E  is electric field intensity (V/m),  is current 

density (A/m

→

J

2), a is the surface enclosing the source electrode (m2), l is the path 

length for potential calculation (m), σ is the blood conductivity (S/m, the reciprocal 

of blood resistivity ρ), and F is field distribution, which is only relative to the shape 

of measured fluid. If the electric field distribution is homogeneous, which means 

that the electric field intensity is uniform inside the ventricle, eq. (1.4) can be 

simplified to:  

L
A

LE

AEgb ⋅
=

⋅

⋅
= →

→

ρ
σ      (1.5) 

Combining eq. (1.3) and (1.5) yields 

bgLvol 2ρ=       (1.6) 

However, the homogeneous electric field, or constant electric field intensity, is only 

achieved when source electrodes are flat and large enough so that fringe fields are 

negligible, as is shown in Fig. 1.2(b). The electric field generated by the catheter 

electrodes is not homogeneous (Fig. 1.2(a)), so a constant, 1/α, is multiplied in eq. 

(1.6), which yields eq. (1.1), to compensate for the differences caused by 

inhomogeneous electric field. In other words, Baan’s equation assumes an 
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approximately linear relationship between conductance and volume. Data 

presented in this dissertation will show that the inhomogeneity of the electric field 

results in a nonlinear relationship between conductance and volume, which cannot 

be adequately compensated by multiplying an inherently linear equation by a 

constant calibration factor, 1/α. 

  
 Electric field intensity

electrodes 

(a) 

L

V/m
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electrodes 
plates 

Electric field intensity 

(b)

V/m

Fig. 1.2 The distribution of electric field intensity in a field generated by 
(a) a four-electrode catheter (b) two large flat electrode plates with 
insulating lateral boundaries. 

 

1.2.2 Estimation of Myocardial Contribution 

Several methods have been developed to estimate the contribution of 

myocardium to the total measured conductance, and these studies only determine a 

single steady state average value for the parallel myocardial contribution. The 

well-known hypertonic saline technique proposed by Baan is one example [2]. It 

injects a small bolus of concentrated saline into the pulmonary artery and keeps 

tracking the changes in measured conductance. Since the measured conductance is 

dependent on the electrical conductivity of blood in the ventricular chamber, the 

hypertonic saline causes a transient increase in the conductance signal. The 
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selective change in the LV blood conductivity without altering LV blood volume or 

the conductance of surrounding myocardium permits estimation of the conductance 

due to the parallel structures. This method determines a single value for the 

myocardial contribution and the process is illustrated in Fig. 1.3.  

In fact, the conductance catheter technique has long been described as  

generating an electric field in the LV that has constant parallel conductance or 

current leakage into the myocardial wall throughout the cardiac cycle.  Numerous 

investigators have confirmed this finding, and it has, in part, been the basis for the 

acceptance of the technique to generate a reliable instantaneous LV volume signal 

during steady state conditions. However, electromagnetically the electric field 

decreases dramatically with increasing distance from sources. When a heart beats, 

the distance between the catheter and myocardial wall changes, which should make 

the myocardial contribution to the total measured conductance change as well [7, 

17]. Hence, this assumption is questionable and my hypothesis is  

 

Hypothesis: the parallel myocardial admittance changes during a single cardiac 

cycle. 
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Fig. 1.3 (a) Measured conductance and pressure signals (b) orthogonal regression 
using paired minimal v.s. maximal volumes generates a linear relation 
between observed conductance as a function of changing blood 
conductivity. Extrapolation of relation to line of identity (which 
corresponds to σ=0) gives a single steady state myocardial conductance. 
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1.2.3 Electrical Properties of Myocardium 

Most published methods to estimate myocardial contribution treat the 

myocardium as purely resistive; while Gawne’s method is based on the assumption 

that myocardium is mainly capacitive, and hence is negligible at low frequency [2, 

6, 10, 11]. Gawne’s assumption has been questioned by demonstrating that 

myocardium has a substantial resistive component [12]. However, prior work has 

also shown that the apparent conductivity of myocardium increases at higher 

frequencies [13, 14]. In addition, measurements of the relative electric permittivity 

of freshly excised myocardium reveal that it is in excess of 15,000 between about 

10 and 20 kHz [15, 16]. These facts reflect that myocardium is capacitive, which 

may come from the transmembrance charge distribution in the cell membrane of 

myocytes. Nevertheless, compared to the myocardial resistivity, is myocardial 

capacitance negligible?  

 

Hypothesis: in practice both the capacitive and resistive properties of the 

myocardium are substantial and cannot be ignored. 

 

If so, it is more appropriate to label the measured result admittance, instead of 

conductance. This hypothesis will be examined by measuring the phase of the LV 

admittance signal. If the myocardium is mainly resistive, the measured phase 

should be around 0o. However, if both resistive and capacitive properties are 

significant as hypothesized, the phase should be between 0o and 90o, increasing 

with frequency. Further, the myocardium contribution for increasing LV volumes 
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should decrease, because the strength of the electric field reaching the myocardium 

decreases due to the increased distance from source electrodes [17]. Hence, the 

measured phase should vary between end-diastole and end-systole. If so, then the 

parallel myocardium admittance will vary between end-diastole and end-systole, 

contrary to the assertions in previous literature [2, 6, 10, 11].  

 

 

1.3 OBJECTIVES  

The accuracy of LV volume measurement using the current 

conductance-volume methods is limited by three major problems [7]. The first 

problem is the assumption that the inhomogeneous electric field can be 

compensated by a constant. The currently-adopted Baan’s equation assumes that 

the inhomogeneous electric field generated by source electrodes is able to be 

corrected by multiplying an empirical factor 1/α. However, the assumption is 

incorrect both in vivo and in vitro. The use of this invalid assumption causes 

significant errors, especially when estimating larger volumes. The second problem 

involves estimation of the myocardial contribution to the total measured 

conductance. Myocardium has been found to have both capacitive and resistive 

properties, but none of proposed methods were developed based on this unique 

characteristic to estimate myocardial contribution. In addition, it has long been 

assumed that the LV has a constant parallel conductance, or current leakage into the 

myocardial wall, throughout the cardiac cycle, which is also questionable. The third 

problem concerns positioning of the catheter. During in vivo measurements, any 
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deviation of the catheter from the longitudinal axis of the ventricle will introduce 

errors into the volume measurement. The third problem has been studied 

extensively [8, 9] and will not be discussed in this dissertation, but rather the focus 

will be on the first two problems.  

The first objective of this dissertation is to examine the issues of electric 

field inhomogeneity and to develop a new nonlinear conductance-to-volume 

conversion equation. New conductance-to-volume conversion equations, which 

compensate for electric field inhomogeneity in a more accurate way, will be 

proposed in chapters 2 and 3. An analytic equation will be derived from 

fundamental electromagnetic theory. However, the assumptions required to get a 

solvable analytic solution may not be appropriate to describe the true 

conductance-volume relationship. Therefore, an empirical analysis was also 

performed. 

The second objective is to study the effect of complex resistive and 

capacitive properties unique to myocardium, prove myocardial contribution 

changing between end-systole and end-diastole, and propose a new method to 

estimate myocardial contribution. This dissertation addresses these questions by 

examining both the phase and magnitude of the measured LV admittance between 

end-systole and end-diastole at different frequencies. Both 3D finite element 

modeling studies and in vivo measurements in mice were performed in this 

study. A commercial finite element package, FEMLAB®, Comsol, Inc., MA, was 

used to simulate and analyze the LV admittance signal. Numerical models of the 

mouse LV were constructed from mouse cardiac MRI images provided by Matthias 

 11



Nahrendorf from the University of Würzburg in Germany. The modeling work is 

shown in chapter 4. In vivo measurements of phase and magnitude of the total 

admittance between two inner sensing electrodes were also performed in mice, 

discussed in chapter 5. In addition, a method to estimate the time-varying parallel 

myocardial contribution in continuous measurement systems is proposed. 
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Chapter 2  

The Nonlinear Conductance-Volume Relationship of the 
Conductance Catheter System: Theoretical, Empirical and 

Numerical Analyses 

 

 

2.1 IN VITRO KCl SOLUTION EXPERIMENTS  

To examine the relationship between conductance and volume in a 

inhomogeneous electric field generated by a conductance catheter, in vitro 

experiments were performed in KCl solution. Six cylindrical holes were drilled in 

two thick blocks of Plexiglas. The conductivity of the Plexiglas is essentially zero. 

The conductivity of KCl solution used to fill those holes was 1.31 S/m at 23oC. 

The KCl solution was produced by dissolving 0.1 mole of KCl in 1 liter of water 

at 23oC room temperature. Both miniaturized mouse (SPR-839) and rat (SPR-

838) conductance catheters made by Millar Instruments, Houston, Texas, were 

used to evaluate the conductance-volume relationship in different conductance 

and volume ranges. The mouse catheter has four 0.25-mm-long platinum ring 

electrodes with 0.2 mm radius. The interelectrode center-to-center spacing for the 

mouse catheter is 0.5, 4.5, and 0.5 mm, respectively. The rat catheter has four 

0.25-mm-long platinum ring electrodes with 0.2 mm radius. The interelectrode 

spacing for the rat catheter is 0.5, 9.0, and 0.5 mm, respectively. The true volume 
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is defined as the solution volume between the two inner voltage-sensing 

electrodes (#2 and 3 in Fig. 2.1), not the entire cavity volume. 

 

 

 

 

 

 

 

 

# 1

# 4

# 3  

#2

catheter
depth 

electrodes

Cylinder-shaped 
hole 

KCl solution 

plexiglas

Fig. 2.1 Plexiglas and the conductance catheter 

 

The catheter was inserted into the center of solution-filled cylindrical hole 

and fixed using a mechanical holder. It is important for reproducibility for the 

catheter to be exactly in the center. The block of plexiglas was placed on a 

platform whose height is adjustable to control the depth of catheter insertion. The 

catheter depth is defined as the distance between the fluid surface and the top of 

the top electrode (#4 in Fig. 2.1).  A constant 10 kHz, 15 µA peak excitation AC 

current was applied to the two outermost electrodes 1 and 4 to generate the 

electric field. The voltage difference between two inner electrodes 2 and 3 was 

measured continuously. The magnitude of the voltage signal from the two inner 

electrodes is proportional to the resistance between the inner electrode pair. It is 
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then amplified and rectified to remove the carrier frequency, 10 kHz. The 

reciprocal of this signal was taken to yield the conductance-magnitude-

proportional voltage output, calibrated to conductance.  

Since Plexiglas is an insulating material, the measured conductance comes 

from the KCl solution only, not from the Plexiglas wall. Therefore, the measured 

solution conductance corresponds to blood conductance in in vivo experiments. 

The equivalent SV in the plexiglas experiment is the difference between the 

largest and smallest solution volume. The empirical calibration factors, α, is 

determined by eq. (1.2). The results of the experiments using the catheters in 

mouse and rat LV volume ranges are shown in Fig. 2.2, along with the estimated 

conductance-volume curves from Baan’s equation. 
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Fig. 2.2 Comparison of the measured data to the estimated results by using Baan’s 
equation. (a) mouse catheter (b) rat catheter 

When measuring the volumes in mouse LV range, the performance of 

Baan’s equation overestimates volume by about 15 ml, because there is a volume 

offset between estimated and true volumes. In rat LV volume range, it is obvious 

that the measured conductance-volume relationship is curved and the linear 

Baan’s equation is not able to give acceptable volume estimation. In fact, it has 

been found experimentally that conductance catheters are less sensitive when 

measuring larger volumes, which is due to the inhomogeneous electric field 

generated by catheter electrodes [6, 7]. The finite element numerical models 

simulated by FEMLAB® were used to predict the electric field in this in vitro 
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configuration. Fig. 2.3 illustrates the inhomogeneous electric field intensity 

distribution in two different sizes of cylindrical containers.  

 

 

(a) 
      

 

(b) 

 V/m 

 

Fig. 2.3 The distribution of electric field intensity in two different sizes of 
cylindrical containers, simulated by FEMLAB®. 

The inhomogeneous electric field distribution makes the conductance-

volume relationship nonlinear, which is why the measured data shown in Fig. 2-

2(b) is curved. The electric field intensity is inversely proportional to the square 

of distance. When the measured volume increases enormously, the far-field 

electric field contribution to the sensing electrodes is negligible, so the catheter-

measured conductance approaches a saturation value. On the other hand, if the 

radius of the container approaches zero (or volume gets smaller), the electric field 

distribution tends to be more homogeneous, so the conductance-volume 
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relationship is more linear. That’s why the performance of Baan’s equation is 

acceptable in the mouse LV volume range. The relationship between conductance 

and volume in this inhomogeneous electrode-generated electric fields will be 

analyzed by both theoretical and empirical methods in the following sections. 

 

 

2.2 THEORETICAL ANALYSIS 

Since the electric field generated by source electrodes is not homogeneous 

and the electric field intensity 
→

E  inside the measured fluid is not constant, the 

blood conductance gb should be calculated by eq. (1.3), instead of eq. (1.4). 

Therefore, we need to know 
→

E  in order to calculate the conductance. The general 

method of calculating 
→

E  is to solve Laplace’s equation  

∇2V = 0     (2.1) 

for V in the chosen coordinate system [18]. Then, obtain 
→

E  by 

        (2.2) VE −∇=
→

For a spherical coordinate system (r,θ,ϕ), the Laplace’s equation is rewritten as 
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Assume that the source electrodes are spheres with radius a0 placed in an infinite 

homogeneous medium. By this simplification, V will be independent of ϕ, and the 

standard solution for the axisymmetric form of Laplace’s equation is:   

∑
∞
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i PrBrArV θθ     (2.4) 
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where Ai and Bi are coefficients determined by boundary conditions, and Pi(cosθ) 

are Legendre polynomials whose values can be obtained from well-established 

tables. For a single spherical electrode with voltage V0 placed in an infinite 

medium, its boundary conditions can be expressed by 

00 ),( VaV =θ       (2.5) 

0),( =∞ θV      (2.6) 

Applying the above boundary conditions to eq. (2.4) yields 

∞== ,....,2,1,00 iforAi     (2.7) 

000 VaB =        (2.8) 

∞== ,....,2,10 iforBi      (2.9) 

Therefore, 

r
VarV 00),( =θ     (2.10) 
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r
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VrE 2
00),( θ     (2.11) 

where r means a scalar, 
→

r  represents a vector, and rr ≡ . For two source 

electrodes with opposite voltage, V0 and -V0, separated by a distance d (see Fig. 

2.4), the electric field intensity caused by those two electrodes is superposable, 

that is,   
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Fig. 2.4 Two source electrodes and two sensing electrodes are placed in an 
infinite medium 

If two extra sensing electrodes, which do not carry current, are placed between 

those two source electrodes separated by a distance L and insulated material is 

filled in between electrodes, the measured conductance in this infinite medium, 

ginf, between these two sensing electrodes can be calculated by using eq. (2.3) and 

(2.12), and the result is 

2
0

2

22

2/

2/

inf

4
4

)(
2

0

adL

Ldd

rdE

rrdE

V
Ig L

L

a

+

−
=

⋅−

⋅

==

∫

∫

−

→→

∞ →→

ρ

πρ
π

   (2.14) 

Equation (2.19) assumes that the radius of the sensing electrodes and filled 

insulated material is small enough that their influences on the electric field 

distribution are negligible. In both in vivo and in vitro experiments, the measured 
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fluid is surrounded by either myocardium or container wall, which confines the 

distribution of electric field and makes the measured conductance a function of 

the volume of fluid. To further simplify the situation, assume that the measured 

finite fluid volume is large enough so that the electric field intensity still can be 

described by eq. (2.11) or (2.12).  If the shape of the measured fluid is a cylinder 

with a radius of R, i.e., its cross-section area is πR2, then the measured 

conductance gb is 
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Combining eq. (1.2), (2.14), and (2.15) yields: 
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The above equation was derived under several assumptions, and it is not a 

surprise that it does not fit the simulated or experimental data very well. Besides, 

eq. (2.16) does not have an empirical factor, like 1/α in Baan’s equation, to force 

volume differences resulting from the smallest and largest blood conductance  

(gb-ES and gb-ED) the same as independently measured stroke volume, SVm, and 

also to compensate some experimental uncertainty. An empirical factor may be 

introduced to approach this drawback wherein all of the dimensional constants (L, 

d, etc.) are included in this factor. Furthermore, since the radius of electrodes (a0) 

is very small compared to the distance between two source electrodes (d), the 
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factor )41( 2

2
0

d
a+  in eq. (2.16) is approximately 1. This improved equation, 

which is heretofore referred to as “the analytic approximation”, is  
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2.3 EMPIRICAL AND NUMERICAL ANALYSIS  

Experimentally, when the measured volume increases enormously, the 

catheter-measured conductance approaches a saturation value, denoted as ginf. If 

the radius of the container approaches zero, the catheter is surrounded with a non-

conductive wall. In that instance, neither current nor electric fields exist between 

the electrodes, which results in zero measured conductance. Furthermore, the 

electric field distribution is more homogeneous when the radius of the container is 

very small (Fig. 2-3). Therefore, as the cylinder shrinks to the catheter radius, the 

conductance-to-volume relationship should approach the equation for 

homogeneous electric field distribution, i.e., 

        (2.18) bgLVol 2ρ=

From the above observations, the conductance-volume relationship of the four-

electrode catheter must satisfy these three conditions: 

1. has an asymptote: gb = ginf as volume approaches infinity. 

2. goes through the origin, i.e., Vol is zero when gb is zero 
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3. approaches eq. (2.18) at small volume range, i.e., 2

0

L
dg
dVol

bgb

ρ=
=

 

There are many possible equations that meet the previous three criteria. I 

tried to find a simple one that not only satisfies those criteria but also predicts the 

conductance-volume relationship well. First, consider the conductance-volume 

relationship in a cylinder. In Baan’s equation, α is fixed, so the conductance-

volume relationship is linear. If α is a function of measured conductance, not a 

constant, this equation has the potential to be nonlinear. Fig. 2-5 shows the gb-α 

relationship of FEMLAB® simulation results. 
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Fig. 2.5 The conductance gb versus α(gb) plot for FEMLAB simulation data 
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The simulation data can be well-fit by a quadratic polynomial. However, 

in in vivo measurements, only the SV, measured by flow probe or some other 

independent measurement, is available to calibrate the equation, and the quadratic 

polynomial has at least two coefficients needed to be determined. Therefore, 

linear approximation is considered, because it can reduce the number of 

undetermined coefficients to one. A linear regression line is also shown in Fig. 2-

5. It fits the simulation data well in this range, although ginf estimated from 

quadratic and linear equations are slightly different. Hence, a new equation is 

proposed 

b
b

b
b

gL
g

gL

g
g

Vol 22

inf

)(
1

1

1 ρ
α

ρ =
−

=     (2.19) 

where 

inf

1)(
g
g

g b
b −=α      (2.20) 

When gb approaches ginf, α(gb) approaches zero, which makes Vol in eq. (2.19) 

goes to infinity and the first criterion is met. Besides, when gb is zero, Vol is 

forced to be zero, which satisfies the second criterion. Furthermore, when gb 

approaches zero, the derivative of eq. (2.19) with respect to gb is ρL2. Therefore, 

the third criterion is also met. 

However, eq. (2.19) has a severe drawback: it does not have an empirical 

factor, which can be used with measurements of stroke volume to calibrate in vivo 

experiments. This equation is derived based on the assumption that the shape of 

mouse LV is cylindrical, which is not true. Moreover, uncertainties in the 
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measurement, such as catheter position, are unavoidable in in vivo experiments. 

Therefore, an empirical factor is desired to calibrate SV from conductance-

volume conversion equations to be the same as the independently measured SV.  

On the other hand, the parameter, ginf, in eq. (2.19) is very difficult to 

determine. Experimentally, ginf is a function of catheter depth (see Fig. 2.1) if the 

catheter is shallowly inserted into a solution. An explanation is that if the catheter 

is inserted into a solution or blood of insufficient depth, the upper electric field is 

confined and then the measured conductance decreases. As is shown in eq. (2.12), 

the electric field intensity is inversely proportional to the square of distance, so 

far-field effects are negligible. It explains that once the submerged depth of the 

catheter exceeds a critical level, the measured conductance is independent of 

catheter depth. In in vivo murine experiments, it is hard to keep the catheter far 

away from the aortic valve, so the electric field will be confined or affected. As a 

result, the ginf estimated from in vitro saline experiments may be somewhat 

different from the real ginf in vivo. This small error causes a large effect in the 

results.  

To solve these two problems, ginf is replaced by an empirical factor, γ. 

Equation (2.19) then becomes 

γ
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The empirical factor, γ, is determined by forcing the calculated SV from eq. (2.21) 

the same as the independently measured stroke volume, SVm, i.e., 
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By rearranging eq. (2.22), it yields: 
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Usually, the larger positive solution of γ is used. Equation (2.21) is heretofore 

referred to as “the empirical approximation” in the following sections. 

 

 

 

 26



Chapter 3  

Comparison of the Performances of Baan’s Equation, the 
Analytic and Empirical Approximations  

 

 

3.1 APPLICATION OF CONVERSION EQUATIONS ON EXPERIMENTAL  RESULTS 

To fully explore the relationship between volume and measured 

conductance, three experiments were performed in different ranges of volume and 

measured conductance. The volume range of the first experiment corresponds to 

that seen in the mice LV (10 to 50µL) and is measured by a miniaturized mouse 

conductance catheter. The value of the measured conductance is small compared 

to ginf. This experiment is referred to as the mouse-sized volume experiment. The 

second experiment covers the volume range of the rat LV (150 to 450µL) and is 

measured by a miniaturized rat conductance catheter. The measured conductance 

in this experiment is in the medium range with respect to ginf. The second 

experiment is referred to as the rat-sized volume experiment. To explore the 

conductance-volume relationship in a high conductance range, i.e., approaching 

the asymptote of ginf, a third experiment was performed with a miniaturized 

mouse conductance catheter. The volume range of the third experiment is not 

consistent with known mouse LV volumes. Its purpose is to complete a thorough 
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exploration of the conductance-volume relationship. The last experiment is 

referred to as the ginf-approached volume experiment. 

   The results of the three experiments are shown in Fig. 3.1, along with 

the estimated conductance-volume curves from Baan’s equation, the analytic, and 

the empirical approximations. The ginf used in the analytic approximation were 

5954 and 5366 µS for rat and mouse catheters, respectively. There values were 

measured by placing the catheter in a 1-liter, solution-filled plastic beaker (see 

Fig. 3.2). The catheter depths for those three experiments are 6.0, 4.0, and 6.0 

mm, respectively. Baan’s equation overestimates the volume in all experiments, 

especially in the rat-sized and ginf-approached volume experiments. The analytic 

approximation underestimates the volume in all three experiments. The empirical 

equation is the best in all three experiments, even though it slightly overestimates 

the volumes. 

Fig. 3-2 is a plot of maximum measurable conductance, ginf, versus the 

depth of the mouse and rat catheters in solution. For the mouse catheter, ginf 

increases rapidly but then saturates when depth is 6mm or greater. For the rat 

catheter, ginf begins to saturate at a depth of 4 mm or greater. The rat catheter has 

a larger ginf after saturation. 
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(c)  

Fig. 3.1 Comparison of measured data and conductance-volume curves estimated 
by Baan’s equation, the analytic, and the empirical approximations in 
KCl solution experiments, where ‘o’ are measured data. (a) the mouse-
sized volume experiment, measured by the mouse catheter (b) the rat-
sized volume experiment, measured by the rat catheter (c) the ginf-
approached volume experiment, measured by the mouse-sized catheter. 
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Fig. 3.2 Plot of maximum measurable conductance ginf versus catheter depth for 
the mouse and rat catheters. 

 

 

3.2 BAAN’S EQUATION 

The inhomogeneous distribution of the electric field from the conductance 

catheter makes the relationship between measured conductance and its 

corresponding volume nonlinear. However, Baan’s conductance-to-volume 

conversion equation is linear. So, to fit the inherent nonlinear conductance-

volume relationship, the empirical factor, α, is used to change its slope in order to 

match the independently measured SV. As a matter of fact, (1/α) = 1 is for the 

homogeneous electric field, but the slope of the true conductance-volume curve 
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for this inhomogeneous electric field gets larger as conductance increases. 

Therefore, (1/α) is always larger than 1 and Baan’s conversion equation tends to 

overestimate volume, as is illustrated in Fig. 3.3 with the data from the rat-sized 

volume experiment. This volume-overestimated situation gets worse in the larger 

conductance-volume range, since in which true volume increases rapidly as 

conductance only increases slightly. The experiments show the accuracy of 

Baan’s conversion equation is unacceptable in the range of volumes seen in a rat 

LV (see Fig. 3-1(b)). In fact, even in the range of volumes seen in a mouse LV, 

Baan’s equation is still not very accurate, although the relationship between 

conductance and volume is approximately linear in that range. At small volumes, 

the slope of its regression line is still larger than 1, which means α is also larger 

than 1. However, Baan’s equation forces volume to be zero when measured 

conductance is zero (Baan’s equation: Vol=(1/α)ρL2gb, if gb=0, Vol=0). 

Therefore, it still overestimates volume by a volume offset, which is illustrated in 

Fig. 3.4. 

 32



 

0 500 1000 1500 2000 2500 3000 3500 4000 4500 5000 
0 

200 

400 

600 

800 

1000 

1200 

1400 

1/α=1 

1/α=3

1/α=2 

1/α=4.4

true conductance-volume curve 

SV

SV
Baan’s equation 

Measured conductance (µS) 

V
ol

um
e 

(µ
L)

 

 
Fig. 3.3 Plot of true conductance-volume curve versus Baan’s equations with 

different values of 1/α. 
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Fig. 3.4 Comparison of Baan’s equation, the true conductance-volume curve, the 

measured data (circles) and its regression line. 
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3.3 ANALYTIC APPROXIMATION 

The proposed equations, the analytic approximation and the empirical 

approximation, are both nonlinear, so the slope in conductance-volume plot is not 

fixed. This feature makes them more attractive in the larger volume range. 

However, the performance of the analytic approximation is not better than the 

performance of Baan’s equation in the mouse LV sized experiments. In rat LV-

sized and ginf-approached volume experiments, the estimated conductance-volume 

curve by analytic approximation is closer to truth than Baan’s equation, but its 

performance is still unsatisfying. While Baan’s equation overestimates volume, 

the analytic approximation underestimates it.  

Among all the assumptions used to derive the analytic approximation, the 

most unrealistic one is that the electrodes are placed in an infinite medium. The 

ginf calculated by eq. (2.14) obviously is overestimated, since the volume of 

measured fluid is finite. In addition, the boundary conditions introduced by the 

finite volume of measured fluid would cause many non-zero high-order terms to 

the solution of Laplace’s equation, which means that eq. (2.11) and (2.12) are too 

simple to describe the real electric field distribution. Therefore, the relationship 

between conductance and volume is actually much more complicated than either 

eq. (2.16) or the analytic approximation. Since a theoretical solution was not 

calculable, empirical analysis was performed. 
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3.4 EMPIRICAL APPROXIMATION 

In fact, the analytic approximation and Baan’s equation are two extreme 

cases of the conductance catheter measurement system. When the measured 

volume is extremely small, the conductance-volume relationship should be very 

similar to Baan’s equation. On the other hand, when the measured volume is 

extremely large and the catheter is extremely deeply submerged in the fluid, the 

relationship should approach the analytic approximation. However, practically the 

measured volume of interest is neither extremely small nor large, and the catheter 

is usually shallowly inserted into the measured fluid. Therefore, the real 

conductance-volume relationship should fall between the analytic approximation 

and Baan’s equation. From Fig. 3.1, the curve of empirical equation is between 

them and well predicts the true conductance-volume relationship in all three 

experiments. 

For in vivo murine experiments, one can measure and record the 

admittance signals in the LV first, and then use an aortic flow probe to measure 

SV independently. After the measurement is done, bleed the mouse and place the 

blood in a test tube in a water bath at 37oC. Measure its conductance with the 

conductance catheter centered in the test tube, and then convert it to blood 

resistivity by use of a conductance-to-resistivity lookup table built from in vitro 

saline experiments. Another alternative method is to use the mean value of blood 

resisitivities measured from a subset of mice in the same strain. Once the parallel 

myocardial conductance is calculated using techniques presented in chapters 4 

and 5 or other published methods, blood conductance can be obtained by 
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subtracting the myocardial conductance from the total measured conductance [2, 

6, 10, 11]. Then, determine the empirical factor γ from eq. (2.23), so that the 

resulting SV from the empirical approximation equation will be the same as the 

SV measured by the aortic flow probe. In other words, the actual conductance-to-

volume conversion is done post mortem.  
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Chapter 4  

Construction of 3D Left Ventricle Finite Element Models from 
MRI Images  

 

 

4.1 MRI IMAGE PROCESSING  

Mouse thoracic MRI images were provided by Matthias Nahrendorf, the 

University of Würzburg, Germany. The field of view of those MRI images was 

3x3cm with a matrix of 256x256 voxels, each with an 8-bit grayscale. Fig. 4.1(a) 

shows one of the original MRI images. The cardiac portion was taken out and the 

grayscale is inverted, as shown in Fig. 4.1(b) with both left and right ventricle 

(LV & RV) indicated. 

 

 

 

 

 

myocardium 

Papillary muscle

RV blood 

LV blood 

 

Fig. 4.1 (a) The original mouse MRI thoracic image (b) the cardiac portion 
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From the histogram of Fig. 4.2, most of the pixels have grayscale values 

very close to 0, or black, which makes it hard to see the profile of the LV, 

especially the boundary of the myocardium. To enhance contrast, the voxel 

histogram of the original image was redistributed to maximize the use of the 0-

255 grayscale spectrum: move grayscale 140 to 50, expand the upper region, and 

compress the lower region. This process is illustrated in Fig. 4.2. The contrast and 

boundaries are clearer in the enhanced image. 

 
 

Full-scale  
contrast stretch 

 

 

 

 

 

 

 

 

 

140 50

Fig. 4.2 The process of image enhancement 

 

Fig. 4.3 shows several enhanced images corresponding to different 

locations/layers of mouse cardia at end-diastole. Endocardial profiles are 
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relatively clearer than myocardial outlines. They can be extracted by setting a 

grayscale threshold value. However, the LV myocardial wall cannot be extracted 

in the same way since their boundaries are not so sharp, especially in Fig. 4.3(a). 

The Canny edge-detecting method was used instead [19, 20]. This method 

prevents multiple responses per true edge, which is an advantage in edge 

localization. By using the Canny edge detector, the edges of Fig. 4.3(a) and 

4.3(c), which have the clearest and vaguest myocardial outlines, respectively, are 

shown in Fig. 4.4 (a) and (b). In those figures, there are many pixels unrelated to 

the desired myocardial profiles. Those unwanted pixels can be reduced by 

removing the pixels which are close or the same with the blood outlines detected 

by threshold method. The remaining pixels are marked as circles in Fig. 4.4(c) 

and (d). Besides, from Fig. 4.3, the LV myocardial outlines approximately 

approach a circle in all images. Hence, the Hough Transform was used to choose 

the most appropriate circle to represent the myocardial outlines. The detected 

blood and myocardial outlines lying on their original images are shown in Fig. 4.4 

(e) and (f). 

 

 39



(a) (b) 

(c) (d)  

Fig. 4.3 Enhanced Images for different locations of mouse cardia 
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Fig. 4.4 (a)&(b) The detected pixels by Canny edge detector, (c)&(d) the marked 
circles are the pixels relative to myocardial outlines, (e)&(f) the detected 
blood and myocardial outlines lying on their original images. 
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4.2 CONSTRUCT 3D MOUSE LV MODELS 

A 3D mouse LV finite element model can be built by stacking up the 

extracted blood and myocardial boundaries from the MRI images, as is illustrated 

in Fig. 4.5. To reduce the computation time and required memory, both the blood 

and myocardial outlines were defined as either circles or ellipses as chosen by the 

Hough Transform. In other words, the papillary muscle was ignored. The error 

due to ignoring the papillary muscle will be discussed in Section 4.6. 
 

 

 
 

Fig. 4.5  The 3D mouse LV model is made by stacking detected edges. 

 

Six 3D models were constructed to represent the mouse LV at different 

times in the cardiac cycle. In each finite element model, there are three objects, 

which impact the conductance measurement:  myocardium, blood, and the 

conductance catheter, as shown in Fig. 4.6. The catheter is modeled as 4 

electrodes with interelectrode center-to-center spacing of 0.5 mm, 4.5 mm, and 

0.5 mm, respectively, all inserted into an insulated tube. 
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(a) 

electrode 2

electrode 3 
electrode 4 

electrode 1

         (b)         (c) 

Fig. 4.6  Geometry objects of 3D mouse LV model: (a) myocardium  (b) blood  
(c) catheter with four electrodes. 

 

  

4.3 FINITE ELEMENT MODEL 

The quasi-static FEMLAB® governing equation is 

0])2[( =∇+⋅∇− Vfj επσ             (4.1) 

where σ is conductivity (S/m), f is frequency (Hz), ε  is permittivity (F/m), and V 

is the scalar  potential (V). It can be derived by combining Gauss’s electric law 

with the conservation of charge [17, 18]. 

The model is submerged in an insulated space, so except for electrodes 1 

and 4, the boundary conditions are described by  
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0])2[( =∇+⋅
→

Vfjn επσ      (4.2) 

where  is the normal vector to the surface boundary. For electrodes 1 and 4,  
→

n

0:1 =VElectrode      (4.3) 

2/7.238:4 mAJElectrode =     (4.4) 

This value of current density represents a uniformly distributed 30 µA 

current through a 0.2 mm radius circle located on one end of the cylindrically 

shaped electrode. In fact, the current density over the electrode surface is not 

uniform. It is denser around the edges of the electrode. To verify whether or not 

the uniform current density assumption in eq. (4.4) makes a difference, a constant 

voltage was used on electrode 4, which does not have this uniformity problem, to 

do the same simulation. Both methods get the same admittance between 

measuring electrodes 2 and 3. Hence, the simplification of uniform current 

density has very few effects in the results. Beside that, the finite elements used in 

this model are quadratic, and a linear iterative solver with drop tolerance of 10-5 

was used. The detail settings of solver parameters are illustrated in Fig. 4.7. 
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(b) 

Fig. 4.7 The settings of solver parameters in FEMLAB. (a) general tab (b) 
iterative tab. 

From previous work, the apparent myocardial resistivity is 5.754 Ω-m at 

10 kHz and 3.630 Ω-m at 100 kHz [21]. According to the hypothesis, the 

frequency dependence of the myocardial resistivity actually comes from 

myocardial conductivity σm and myocardial permittivity mε . Their relationships 

are  

 242 )102(
754.5
1

mm επσ ⋅⋅+=     (4.5) 

252 )102(
630.3
1

mm επσ ⋅⋅+=                 (4.6) 
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Then, σm and mε  can be estimated from eq. (4.5) and (4.6) and are listed 

in Table 4.1 with murine blood conductivity obtained from our previous work [5]. 

The permittivity of blood is assumed to be the same as water, and the permittivity 

of electrodes uses the free space permittivity. Since both the blood and the 

electrodes are mainly conductive, the values of their permittivities are very small 

and would not affect the simulation result much. Those parameters are used in 

both stimulating finite element models and calculating results from in vivo 

experiments.  
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TABLE 4.1 Electric properties in each domain 

3D LV Model 

Domain
Conductivity 
(S/m) 

Permittivity 
(F/m)  

ocardium 0.17 3.419×10-7

Blood 1.08 7.083×10-10

Electrode 9661000 8.854×10-12
ULATION RESULTS 

lement models were assembled to represent the mouse LV at 

the cardiac cycle. Table 4.2 summarizes the properties of the 

stole and end-systole.  Calculated admittance is the admittance 

ner sensing electrodes 2 and 3. Fig. 4.8 shows the relationship 

 and phase of the calculated admittance determined from six 

t the cardiac cycle. As the magnitude increases, the phase 
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decreases at both 10 and 100 kHz. The phase calculated at 100 kHz is higher than 

that at 10 kHz. 
 

 

 

 

 

 

 

 

 

Fig. 4

 

TABLE 4.2 End-diastolic and End-systolic Finite Element Models  

 End-diastole End-systole 

LV volume (µL) 47.1 14.5 

Magnitude of calculated 
admittance at 10kHz (µS) 1105.9 679.9 

Magnitude of calculated 
admittance at 100kHz (µS) 1133.2 746.0 

Phase of calculated 
admittance at 10kHz 1.11o 2.40o

Phase of calculated o o

admittance at 100kHz 10.87 22.24
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.8 Magnitude versus phase of the calculated admittance at 10 and 100 kHz. 

48



4.5 THE METHOD TO DERIVE THE COMPONENT VALUES IN EQUIVALENT 
CIRCUIT MODELS 

 I propose an equivalent circuit model for the mouse LV, as is shown in 

Fig. 4.9. Blood is modeled as resistors and myocardium is modeled as resistors in 

parallel with capacitors. There are three components between any two adjacent 

electrodes: blood conductance gbi, myocardial conductance gmi, and myocardial 

capacitance Cmi. Since the geometry of the LV is not symmetric, the values of 

those components in each segment may not be the same. 
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Fig. 4.9 The equivalent circuit mod

In the FEMLAB® simulation, e
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el for mouse LV derived from simulation. 

lectrode voltages are complex numbers due 

 electrode is denoted as V1, V2, V3, and V4, 

rough the electrodes 1 and 4 is 30 µA as 
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described above, with 0o phase angle. The myocardial capacitance can be 

calculated from the imaginary part of the admittance between two adjacent 

electrodes, that is,  
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ii
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In the experiments, f is either 10 or 100 kHz. From the electromagnetic 

point of view, gmi and Cmi are defined as  
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where I is current, Q is charge, A is the surface enclosing the source electrode, and 

L is the path length for potential calculation. It is assumed that both mε  and σm are 

constants in the myocardium. Then, combining equation (4.8) with (4.9) yields 

the conductance-capacitance analogy [18]: 

m
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g
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σ
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=       (4.10) 

Accordingly, the myocardial conductance can be calculated by 
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m
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    (4.11) 

The real part of the admittance between the electrodes comes from blood and 

myocardial conductance; therefore:  
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V1 to V4 are all known from simulation results, so the values of components can 

be calculated from (4.7), (4.11), and (4.12).  

The equivalent circuit models at end-diastole and end-systole are 

illustrated in Fig. 4.10. 
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Fig. 4.10 The equivalent circuit models (a) end-diastole (b) end-systole 

 

The models in Fig. 4.10 are consistent with the observations of previous 

chapters: at end-diastole, the values of myocardial capacitance and myocardial 

conductance are smaller, and the blood conductance is larger. The changes in 

blood conductance are obvious in components between electrodes 2 & 3, and less 

significant in those between electrodes 1 & 2 and 3 & 4. Their distances between 

electrodes are shorter compared to the distance between electrodes 2 & 3, so the 
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fraction of the electric field distribution in those regions is very limited. Most of 

the current between electrodes 1 & 2 and 3 & 4 is through the blood, even at end-

systole, while a significant portion of the current between electrode 2&3 is 

through the myocardium, especially at end-systole. Besides, the values of resistors 

and capacitors between electrodes 1 & 2 and 3 & 4 are not the same, since neither 

is the mouse LV model symmetric, nor is the catheter position inside the LV 

axisymmetric.  

 

 

4.6 ERROR ANALYSIS FOR THE PAPILLARY MUSCLE 

To estimate the error due to ignoring the papillary muscle, I tried to add an 

ellipsoid to the myocardium object for the model at end-diastole. The detected 

outlines of Fig. 4.3(c) and its corresponding cross-section of the myocardium in 

the model are shown in Fig. 4.11 for purposes of comparison. The inserted 

ellipsoid had approximately the same volume as the sum of all papillary muscle in 

the MRI slices. Fig. 4.12 gives an idea about the size of the inserted ellipsoid with 

respect to the blood object of the model. 

The insertion of the ellipsoid would change the distribution of electric 

fields in the LV. However, the main concern is changes in those measurable 

parameters, i.e., admittance between the two inner sensing electrodes. For models 

with and without the ellipsoid, their blood conductance (gb2), myocardial 

conductance (gm2) and myocardial capacitance (Cm2) between two inner electrodes 

were calculated from eq. (4.7), (4.11) and (4.12), and are listed in Table 4.3. Ymeas 
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is the calculated admittance between electrode 2 and 3 and all the parameters are 

derived from the simulation results at 100 kHz. The blood volumes of these two 

models are not the same due to the ellipsoid. Therefore, to further prove that the 

small difference in the simulation results is not the compensated by the blood 

volume difference, the radius of the papillary-existed layer is increased slightly to 

compensate the volume loss due to the inserted ellipsoid. The result is also shown 

in Table 4.3. 

 
 

  

 

 

 

 
(a) (b) 

Fig. 4.11 (a) The detected blood and myocardial outlines (b) the corresponding 
cross-section of the myocardium in the finite element model 

  
(b) (a) 

Fig. 4.12 Comparison of the size of the blood object and the inserted ellipsoid, (a) 
The blood object (b) the inserted ellipsoid to represent papillary muscle 
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Components in E
finite element mod

 Blood 
volume (µl) C

model with 
ellipsoid, volume 
not compensated 

 
46.7 

model with 
ellipsoid, volume 
compensated 

 
47.1 

model without 
ellipsoid 47.1 

 

 

The differences among the

less than 2%. Therefore, ignoring

influence on the results of interest –

 

 

4.7 SENSITIVITY ANALYSES FOR TH

The end-systolic finite elem

for sensitivity analysis. Three 

conductivity, and myocardial perm

10%. The corresponding changes in

admittance are illustrated in Fig. 4

permittivity, while the magnitude

 

  TABLE 4.3 
quivalent Circuit Models for the  
els with and without the ellipsoid 

 

m2 (pF) gm2 (µS) gb2 (µS) |Ymeas| 
(µS) ∠Ymeas

340.5 171.8 931.5 1123.8 11.0o

338.4 170.7 942.4 1133.2 10.8 o

 o
340.1 171.6 941.3 1133.2 10.9

 three models in the above parameters are all 

 papillary muscle will not cause significant 

 the admittance between electrodes 2 and 3. 

E FEMLAB® MODEL 

ent model simulated at 100 kHz was chosen 

parameters, blood conductivity, myocardial 

ittivity, were all decreased or increased by 

 the phase and the magnitude of the calculated 

.13. The phase is most sensitive to myocardial 

 is most sensitive to blood conductivity. In 

54



particular, the phase increases with decreasing blood and myocardial 

conductivity, but decreases with decreasing myocardial permittivity. 

This sensitivity analyses determine how the three parameters: blood 

conductivity, myocardial conductivity and myocardial permittivity affect 

magnitude and phase. The blood conductivity is the major factor in determining 

the magnitude of the calculated admittance, since blood conductance dominates 

the resulting admittance. On the other hand, the myocardial permittivity plays the 

most important role in the phase of the calculated admittance, because the phase 

signals originate from the myocardial capacitance, which is determined by the 

myocardial permittivity. Changing either blood or myocardial conductivity will 

affect the real part of the admittance, which in turn influences the phase angle. 

However, the effects are not as significant as myocardial permittivity. In fact, 

these three parameters may vary among individual mice, so the sensitivity 

analyses provide a clue for the differences between numerical model and in vivo 

measured data. 
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Fig. 4.13 Sensitivity analyses of the calculated admittance with respect to blood 
conductivity, myocardial conductivity, and myocardial permittivity (a) 
phase (b) magnitude 
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Chapter 5  

In Vivo Mouse Measurements   

 

 

5.1 INSTRUMENTATION 

A 1.4-Fr pressure-volume catheter (SPR-719, made by Millar Instruments, 

Houston, Texas) was used in these studies. The catheter has four 0.25-mm-length 

platinum electrodes with interelectrode spacing of 0.5, 4.5, and 0.5 mm 

respectively. A combined 10 and 100 kHz sinusoidal signal generated from a 

separate function generator board was fed into an instrument designed by us and 

then converted into a current signal. A constant 30 µA peak-to-peak excitation ac 

current, composed of 10 and 100 kHz, was applied to the two outermost 

electrodes to generate an intraventricular electric field. The voltage differences 

between the two inner electrodes were fed back into our instrument and measured 

continuously. The magnitude of the voltage between the two inner electrodes is 

proportional to the impedance between the inner electrode pair. This dual-

frequency signal was separated by two band-pass filters (BPF) and then amplified. 

These filtered signals together with the input signal are sampled by a digital 

oscilloscope (TDS 350, Tektronix). The scope communicates with PC through a 

GPIB interface, as shown in Fig. 5.1. LabVIEWTM 6.1 was used to record data 
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and MATLAB® was used to analyze data. This phase measurement is not made in 

real-time but rather in post-processing. The oscilloscope is capable of recording 

1000 samples for two channels at up to 20 MHz. The data recording process is 

triggered manually. The recorded data from both input and output signals is 

converted into the frequency domain by FFT. The measured phase is the phase 

difference between the input and output signals at either 10kHz or 100kHz. The 

magnitude of the admittance is inversely proportional to the amplitude of the 

output signal. 
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Fig. 5.1 The block diagram of dual-frequency phase measurement system. 
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Calibration is required for both magnitude and phase. The magnitude 

calibration was performed to convert the voltage output into conductance. Known 

resistors were used to calibrate the instrumentation. The phase calibration is to 

eliminate the phase shift due to the electronic system and the stray capacitance of 

the catheter. The phase calibration was performed by inserting the catheter into 

saline of known conductivity spanning the conductivity of murine blood. The 

phase shift from the instrumentation and catheter was subtracted from the phase 

measured in in vivo mice experiments. 

 

 

5.2 EXPERIMENTAL PROCEDURE 

5.2.1 In Vitro KCl Solution Measurements 

Six cylindrical holes were drilled in a thick block of Plexiglas. The 

volumes of those holes span the typical volume range seen in a mouse LV (20 to 

67 µl), where the volume of a Plexiglas hole is defined as the solution volume 

between the two inner electrodes, 2 and 3. The conductivity of KCl solution used 

to fill those holes was 1.50 S/m at 23oC room temperature. The catheter was 

inserted into the center of solution-filled cylindrical hole and fixed using a 

mechanical holder. The block of plexiglas was placed on a platform whose height 

was adjustable to control the depth of catheter insertion.  This in vitro experiment 

was to prove that the instrumentation does not introduce an artificial phase shift 

when measuring different volumes. 
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5.2.2 In Vivo Mouse Measurements 

The animal protocol was approved by the Institutional Animal Care and 

Use Committee at the University of Texas Health Science Center at San Antonio 

(UTHSCSA) and conformed with “Guidelines for the Care and Use of Laboratory 

Animals” (NIH publication No. 86-23, revised in 1985) and “Principles of 

Laboratory Animal Care” (published by the National Society for Medical 

Research). In Vivo experiments were conducted at UTHSCSA. Six wild type C56 

black mice were anesthetized with urethane (1000 mg/kg IP) and etomidate (25 

mg/kg IP). Respiration was controlled through a tracheotomy cannula, and the 

mice were mechanically ventilated with a rodent ventilator at 150 breaths/min 

supplemented with 100% oxygen. The chest was entered by anterior thoracotomy. 

An apical stab was made in the heart with a 30-gauge needle, and the miniaturized 

mouse conductance catheter was advanced retrograde into the LV along the long 

axis with the proximal electrodes just within the myocardial wall of the apex. 

 

5.2.3 Equivalent Circuit Model from In Vivo Mouse Measurements 

An equivalent circuit model can also derived from the in vivo experiments. 

However, since only the magnitude and the phase of the admittance between the 

two inner sensing electrodes are measured in the in vivo experiments, only gm2, 

gb2, and Cm2 can be calculated. The measured admittance is Ymeas; then, gm2, gb2, 

and Cm2 can be calculated from 

f
Y

C meas
m π

φ
2

)sin(
2

⋅
=       (5.1) 

 60



m

m
mm Cg

ε
σ

22 =       (5.2) 

22 )cos( mmeasb gYg −⋅= φ      (5.3) 

where φ is the phase of Ymeas, i.e., Ymeas = |Ymeas|∠φ.  

The parallel myocardium admittance Ym is then 

22 2 mmm fCjgY π+=       (5.4) 

In other words, the parallel myocardium contribution can be estimated by 

performing both phase and magnitude measurement at a single frequency. 

However, dual frequencies are needed to calculate σm and εm, as was shown in the 

previous chapter. 

 

 

5.3 EXPERIMENTAL RESULTS  

5.3.1 Phase Calibration for Instrumentation 

Fig. 5.2 shows the phase measurements in saline of different 

conductivities spanning those seen in mouse blood. The measured phase comes 

from the electronic circuit, catheter stray capacitance, and electrode-electrolyte 

interface, since saline is purely resistive. The measured phase approaches a steady 

value for both 10 and 100 kHz, for saline conductivity above 4000 µS/cm. The 

phase measured in saline with 10750 µS/cm, which is close to murine blood 

conductivity, needs to be subtracted from in vivo phase measurements to eliminate 

the phase shift due to the instrumentation: 14.7o at 10 kHz and 96.5o at 100 kHz.  
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shows that the instrumentation phase shift approaches a steady value at higher 

conductivity range, and the blood conductivity is in that phase-steady region. 

Therefore, the phase calibration will be accurate. 

 

5.3.2 In Vitro KCl Solution Measurements 

Fig. 5.3 is the phase measured in different-sized of cylindrical holes filled 

with KCl solution of conductivity 1.35 S/m. The phase does not change with 

solution volume at both 10 and 100 kHz. The catheter used in this experiment was 

a different serial number from that used in the in vivo mouse measurements but 

the same design. The stray capacitance of each catheter may be somewhat 

different, so the measured phases at 10 and 100 kHz are slightly different from 

those shown in Fig. 5.2.   
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Fig. 5.3 The phase measured at different-sized of holes filled in with KCl solution 
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5.3.3 In Vivo Mouse Measurements 

Fig. 5.4 shows the results of phase measurements in 6 mice. One 

disadvantage of our phase measurement system is that we cannot continuously measure 

the phase over a cardiac cycle. Instead, we performed as many measurements as possible 

(fifteen to twenty-five measurements per frequency per mouse) to cover a complete 

cardiac cycle. However, we may have missed true end-systole and end-diastole. The 

phase measured at 10 kHz ranges from approximately 4o to 7o and the phase at 

100 kHz ranges from 10o to 25o. The relationships between the phase and the 

magnitude of the measured admittance in mouse 3, 5, and 6 are shown in Fig. 5.5. 

Since the measurements were trigger manually and at random times, there is no 

guarantee that the complete cardiac cycle has been observed. The chosen mice 

have larger ranges of either measured phase or magnitude, which means that their 

data are most likely to cover the complete cardiac cycle. Each plot shows that 

when the magnitude of the measured admittance increases, its phase tends to be 

smaller. Exponential trendlines have been added to emphasize this trend. The 

results show that the phase at 100 kHz is larger than that at 10 kHz, and the 

measured phase decreases with increasing magnitude, or volume. 
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Fig. 5.4 In vivo phase measurements in 6 mice, measured at 10 and 100 kHz 

 65



R2 = 0.90
R2 = 0.58

0

5

10

15

20

25

30

600 700 800 900 1000 1100 1200
Measured Magnitude of Admittance

(a)

ph
as

e 
(d

eg
re

es
)

10 kHz

100 kHz

R2 = 0.91

R2 = 0.74

0

5

10

15

20

25

600 700 800 900 1000 1100 1200
Measured Magnitude of Admittance

(b)

Ph
as

e 
(d

eg
re

es
)

10 kHz
100 kHz

R2 = 0.46

R2 = 0.91

0

5

10

15

20

25

30

600 700 800 900 1000 1100 1200
Measured Magnitude of Admittance

(c)

Ph
as

e 
(d

eg
re

es
)

10 kHz
100 kHz

 

(µS)

(µS)

(µS)

Fig. 5.5 The magnitude-phase relationships of the measured admittance measured 
at both 10 and 100 kHz. (a) mouse 3 (b) mouse 5 (c) mouse 6. 
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5.3.4 Models Derived from In Vivo Mouse Experiments 

Mouse 3, 5, and 6 were chosen for the same reason described above. Data 

at 100 kHz is chosen for demonstration purposes. The phase measured at 10 kHz 

is small (around 4o to 7o), so that noise and slight calibration inaccuracy may 

cause significant errors. Two data points, whose magnitudes of measured 

admittances are maximum and minimum, were selected to represent end-diastole 

and end-systole, respectively. By using eq. (5.1) to (5.3), the values of gb2, gm2, 

and Cm2 are calculated and listed in Table 5.1. The values from FEMLAB® 

simulation described in the previous chapter are also listed for comparison. 
 

 

 

 

 

 

 

 

 

 

 

 

 

Components in Equivalent Cir
from finite element mod

 
FEM 

Model 
Phase of admittance  

at 100kHz 11o

Magnitude of admittance  
at 100kHz (µS) 1133 

Myocardial conductance 
gm2 (µS) 172 

Myocardial capcitance  
Cm2 (pF) 340 

Blood conductance 
 gb2 (µS) 941 

Magnitude of myocardial 
admittance at 100 kHz 

|gm2 + j2πfCm2| (µS) 
274 

 

TABLE 5.1 

cuit Models at End-diastole and End-systole 
els and in vivo mice measurement data 

End-diastole End-systole 
Mouse # Mouse # 

 3  5 6 
FEM 

Model 3 5 6 

13o 14o 15o 22o 20o 21o 21o

1092 1105 1021 746 849 722 791 

195 212 208 227 235 205 230 

387 421 412 449 465 407 457 

869 860 779 464 562 470 507 
312 339 332 362 375 328 368 
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5.4 DISCUSSION 

Both the FEMLAB® simulation results and the in vivo mouse experiments 

show that the phase at 100 kHz is larger than the phase at 10 kHz (Fig. 4.7, 5.4 

and 5.5), which is consistent with the hypothesis and proves that the myocardium 

is substantially capacitive. When frequency increases, the imaginary part becomes 

larger and the real part of calculated admittance is unchanged. Therefore, the 

phase increases at higher frequency.  

In addition, since the measured magnitude of the admittance is 

proportional to LV volume, both the models and experiments show that the 

magnitude of the admittance increases with volume. However, the phase 

decreases with volumes (Fig. 4.7 and 5.5). The strength of electric field decreases 

dramatically with increasing distance. At larger volumes, the distance between the 

myocardium and the source electrodes is longer, which makes the electric field 

weaker and decreases the current flowing through the myocardium. Instead, most 

of the current flows through the blood directly. As a result, the capacitive effects 

from the myocardium, which determines the phase of the admittance, are less 

significant. Furthermore, to prove that the phase difference in a cardiac cycle 

comes from the capacitive myocardium, not from the instrumentation, the in vitro 

KCl solution experiments were performed. The volumes of the measured KCl 

solution are similar to those seen in a mouse LV, and both solution and blood are 

purely resistive. The difference is that Plexiglas is insulated so that no current 

would flow through it. The results show that the measured phase does not change 

with solution volume at the same frequency (Fig. 5.3), which proves that the 
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instrumentation does not introduce an artificial phase shift when measuring 

different volumes. Hence, the measured phase difference in a cardiac cycle comes 

from the capacitive myocardium, which implies that the myocardial contribution 

changes during the cardiac cycle.  

As it was stated previously, the present phase measurement system is not 

real-time. Although as many measurements as possible were performed to cover a 

complete cardiac cycle, true end-systole and end-diastole may have been missed. 

Therefore, besides mouse-to-mouse differences, this limitation of in the 

instrumentation may also contribute to the phase range differences among the 

mice shown in Fig. 5.4. In other words, the larger the range of the measured phase 

or magnitude is, the more likely the measured data cover the complete cardiac 

cycle. That is why mice 3, 5, and 6 were chosen for Fig. 5.5 and Table III. All of 

them have either larger measured phase and/or magnitude ranges. 

The measured magnitude of admittance is proportional to the LV blood 

volume. Therefore, if the phase is plotted versus the magnitude of the measured 

admittance, as shown in Fig. 5.5, the timing during the cardiac cycle of the 

measured phase is evident. As demonstrated from the FEMLAB® simulation 

shown in Fig. 4.7, the relationship between the magnitude and the phase of the 

admittance is not linear. Therefore, instead of linear regression lines, exponential 

curves are added in Fig. 5.5 to emphasize the trend. Besides, the same amount of 

timing shift caused by noise makes a phase error at 100 kHz ten times larger than 

that at 10kHz. Therefore, the noise sensitivity at 100 kHz is ten times larger, 
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which may explain the correlation coefficients at 100 kHz being lower than those 

at 10 kHz. 

Table 5.1 shows the mouse LV equivalent circuit models derived from the 

FEMLAB® simulation results and the in vivo measurements. The values of blood 

conductance, myocardial conductance and myocardial capacitance from both 

methods are similar. The myocardial admittance at end-systole is not the same as 

that at end-diastole, which means that the parallel myocardial contribution is not a 

constant during the cardiac cycle. Also, the myocardial contribution to the total 

measured admittance is much more significant at smaller LV volumes. Finally, if 

both phase and magnitude can be measured real-time, an instantaneous parallel 

myocardial admittance can be calculated by eq. (5.4) and then removed from the 

total measured admittance. 
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Chapter 6   

Conclusion 

 

 

6.1 PROPOSED NEW EXPERIMENTAL PROTOCOL 

A new experimental protocol for mouse LV volume measurement is 

proposed to summarize all the work I have done.  

1. Anesthetize mouse and control its respiration by rodent ventilator.  

2. The chest was entered by anterior thoracotomy. The miniaturized 

mouse conductance catheter was advanced retrograde into the LV along 

the long axis with the proximal electrodes just within the myocardial 

wall of the apex. 

3. Measure and record magnitude |Ymeas| and phase signals φ from the 

conductance catheter simultaneously.  

4. Use flow probe to measure stroke volume, SVm.  

5. Myocardial capacitance Cm, myocardial conductance gm, and blood 

conductance gb are calculated by   

f
Y

C meas
m π

φ
2

)sin(⋅
=       (6.1) 

m

m
mm Cg
∈

=
σ

       (6.2) 
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mmeasb gYg −⋅= )cos(φ      (6.3) 

where f is frequency, σm is myocardial conductivity, and εm is 

myocardial permittivity. gb, gm, and Cm are all time-varying signals. 

6. Find the blood conductance at end-systole and end-diastole. Denote 

them as gb-ES and gb-ED, respectively. 

7. Calculate the value of the empirical factor γ  from    
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where ρ is blood resistivity and L is the distance between two inner 

sensing electrodes.  

8. The blood conductance is converted to the LV volume signal using  

b
b

gL
g

Vol 2ρ
γ
γ
−

=      (6.5) 

 

 

 

6.2 SUMMARY AND FUTURE WORK 

The issues of inhomogeneous electric field, myocardial properties, and 

myocardial contribution estimation were explored and discussed. The nonlinear 

conductance-volume relationship caused by the inhomogeneous electric field has 
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been analyzed using both fundamental electromagnetic theory and an empirical 

method. The nonlinear empirical approximated conductance-to-volume equation 

showed the best overall performance and recommended for use. It has been shown 

that the empirical approximation equation fits the measured data better than 

constant α assumption.  

3D numerical finite element models were constructed from mouse MRI 

images and then were simulated using FEMLAB®. In addition, in vivo phase and 

magnitude measurements were performed in mice. Both the results of the 

simulation and the in vivo experiments support that both the resistive and capacitive 

properties of the myocardium are substantial. I also showed that the myocardial 

admittance is not a constant during the cardiac cycle.  

In addition, a method to derive the mouse LV equivalent circuit models 

from the simulation results and the in vivo experiments was proposed. I 

demonstrated that phase measurement together with magnitude measurement 

provides better insight into the electrical characteristics of the mouse LV. In fact, it 

provides a better method to estimate the parallel myocardium contribution.  

To further improve this conductance measurement system, the next step 

would be to build a real-time phase and magnitude measurement instrumentation. 

Then, by using the proposed conductance-to-volume conversion equation, the 

myocardial admittance estimating method, and the proposed new protocol, a more 

accurate real-time ventricular volume signal can be obtained. 
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Appendix Modeling Files 

 

 

 

IMAGE FILES 
1d.tif~11d.tif MRI images taken at end-diastole for different locations of mouse 

heart, starting from the apex.  
 
1s.tif~11s.tif MRI images taken at end-systole for different locations of mouse 

heart, starting from the apex.  

 

C++ PROGRAMMING FILE 
Hugh2.cpp This program chooses the most appropriate circle to represent 

myocardial boundary. 
Hughendo.cpp This program chooses the most appropriate circle to represent 

blood boundary. 

 

MATLAB® PROGRAMMING FILES  
calibrate2.m syntax: calibrate(frame) 

frame is the filename of input image. This program cuts the unused 
region, calibrates the relative position, and generates new TIFs. For 
example, if frame is 1d, the new generated tif file is new1d.tif. 
 

crosscenter.m syntax: crosscenter(a,b,num) 
 a and b are 1x100 matrix, and num is the number of points per 

cycle. This program returns the result of cross-correlation, which 
eliminates the issue of different number of multiplications when 
calculating cross-correlation.  
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enhance2.m syntax: enhance2(name,h,thres) 
name is the filename of input image, h is the grayscale threshold 
value to detect blood boundary, and thres is the threshold value 
used for Canny edge detector. Usually thres is set to be 0, with 
which the Canny edge detector will choose the threshold value 
automatically. This program enhances the image contrast to sharp 
the boundaries of blood and myocardial. 

 
green.m syntax: green(T) 
 T is a 2 x n matrix that contains the coordinators of points of the 

enclosed contour. This program calculates the area of the enclosed 
contour by GREEN Theory. 

 
green3_1.m syntax: green3_1(T,delta_z) 
 T is a 3 x n matrix that contains the points' coordinate of the 

contour, and delta_z is the distance between two adjacent layers. 
The input unit is 'cm' and the output unit is 'ml'. This program 
calculates the volume of the object described by the input matrix T. 

 
G_I_KCl  syntax: G_I_KCl(fem,p1,p2,p3,p4) 
    fem is FEM simulation result exported from FEMLAB®, and 

p1~p4 are coordinates of four electrodes. This program calculates 
the conductance between electrodes 2 & 3 in KCl solution with 
electrodes 1 & 4 being 30 µA current sources.   

 
G_V_KCl  syntax: G_V_KCl(fem,p1,p2,p3,p4) 
    fem is FEM simulation result exported from FEMLAB®, and 

p1~p4 are coordinates of four electrodes. This program calculates 
the conductance between electrodes 2 & 3 in KCl solution with 
electrodes 1 & 4 being voltage sources.   

 
G100_m  syntax: G100_m(fem,p1,p2,p3,p4) 
    fem is FEM simulation result exported from FEMLAB®, and 

p1~p4 are coordinates of four electrodes. This program calculates 
blood conductance, myocardial conductance and capacitance 
between any adjacent electrodes in mouse LV models simulated at 
100 kHz. In this file, σm=0.1725 and εm= 38615.32 ε0. 

 
G10_m   syntax: G10_m(fem,p1,p2,p3,p4) 
 fem is FEM simulation result exported from FEMLAB®, and 

p1~p4 are coordinates of four electrodes. This program calculates 
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blood conductance, myocardial conductance and capacitance 
between any adjacent electrodes in mouse LV models simulated at 
10 kHz. In this file, σm=0.1725 and εm= 38615.32 ε0. 

 
heartslice2.m syntax: heartslice2 

This program shows all the images from different locations in the 
same figure. Figure 1 is all images recorded at end-diastole and 
Figure 2 is all images at end-systole. 
 

magphase.m syntax: magphase(filename1, filename2) 
    filename1 and filename2 are the filenames of input files. This 

program calculates the phase difference between the waveforms in 
two input files by use of FFT. This file assumes that there are 200 
samples in a sinusoidal cycle. 

 
mphase_x.m syntax: mphase_x(filename1, filename2) 
    filename1 and filename2 are the filenames of input files. This 

program calculates the phase difference between the waveforms in 
two input files by use of cross-correlation. This file assumes that 
there are 200 samples in a sinusoidal cycle.  

 
mid_point.m syntax: mid_point(p1,p2,slope) 
    p1 and p2 are the coordinate of two points and slope is the slope 

between them. This program returns the coordinate of midpoint 
between the two input points. 

 
model***.m   These programs are different versions which are meant to build a 

3D mouse LV model. The blood boundaries uses the ones detected 
by the threshold method, so they are not cycles/ellipses. 
model1~9.m are for end-diastole and modelsys1~3.m are for end-
systole. 

 
myo.m   syntax: myo(name,number) 
 name is the filename of input image, number is to tell which 

detected contours is desired. The program might detect more than 
one contour for blood boundary, so an input parameter is needed to 
choose the right one manually. This program returns the 
boundaries of blood and myocardium. The myocardial boundary is 
chosen by Hugh transform. This program is used to process images 
recorded at end-diastole. 
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myonew.m  syntax: myonew(name,number) 
 This program is similar to myo.m. The only difference is that the 

both blood and myocardial boundaries are chosen by Hugh 
transform. 

 
myotop8.m  syntax: myotop8(name,number) 
 This program is similar to myo.m. It was modified in order to 

process new8.tif, which is around the valves and is different from 
other images. 

 
myosys.m  syntax: myosys(name,number) 
 name is the filename of input image, number is to tell which 

detected contours is desired. The program might detect more than 
one contour for blood boundary, so an input parameter is needed to 
choose the right one manually. This program returns the 
boundaries of blood and myocardium. The myocardial boundary is 
chosen by Hugh transform. This program is used to process images 
recorded at end-systole. 

 
myosysnew.m syntax: myonew(name,number) 
 This program is similar to myosys.m. The only difference is that 

the boundaries are chosen by Hugh transform, for both blood and 
myocardium. 

 
outline2.m  syntax: outline2(name,h,point,number,thres) 
 name is the filename of input image, h is the grayscale threshold 

value to detect blood boundary, point is the minimum point 
number for a detected contour (it is used to eliminate the contours 
of small dark spot), number is to tell which detected contours is 
desired (the program might detect more than one contours for 
blood boundary, so an input parameter is needed to choose the 
right one manually), and thres is the threshold value used for 
Canny edge detector. This program detects the blood and 
myocardial boundaries, where the myocardial boundary is detected 
by using Canny edge detector. 

 
outline7s.m syntax: outline(name,h,point,point2,number,thres) 
    This program is similar to outline2.m. It was modified for new7s.tif 

only. 
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show_img.m syntax: show_img(img) 
 img is the filename of input image. This program displays an 

image with 8-bit graymap. 
 
thickness.m syntax: thickness 
 This program calculates the thickness of MRI images needed to 

make the end-diastolic volume equal or close to 45 µl. 
 
vol_mouse  syntax: vol_mouse 
    This program calculates the blood volume and muscle volume of a 

mouse LV model. 
 
voldiastole.m syntax: voldiastole 
    This program calculates the percentage of area differences between 

threshold-method-detected and Hugh-transform-chosen blood 
boundaries in each images at end-diastole. 

 
volsystole.m syntax: volsystole 
    This program calculates the percentage of area differences between 

threshold-method-detected and Hugh-transform-chosen blood 
boundaries in each image at end-systole. 

 

FEMLAB® MODELS 
Each FEMLAB® model (.mat) has a corresponding MATLAB file (.m) 

that describes its geometry. 
 

Cylindrical models for KCL solution placed in insulated Plexiglas 
cmouse1  radius=11/64/2 inch, solution depth=2 cm, mouse catheter. 
cmouse2  radius=5/32/2 inch, solution depth=2 cm, mouse catheter. 
cmouse3  radius=9/64/2 inch, solution depth=2 cm, mouse catheter. 
cmouse4  radius=1/8/2 inch, solution depth=2 cm, mouse catheter. 
cmouse5  radius=7/64/2 inch, solution depth=2 cm, mouse catheter. 
cmouse6  radius=3/32/2 inch, solution depth=2 cm, mouse catheter. 
cmouse_big1  radius=1/2/2 inch, solution depth=2 cm, mouse catheter. 
cmouse_big2  radius=7/16/2 inch, solution depth=2 cm, mouse catheter. 
cmouse_big3  radius=3/8/2 inch, solution depth=2 cm, mouse catheter. 
cmouse_big4  radius=5/16/2 inch, solution depth=2 cm, mouse catheter. 
cmouse_big5  radius=1/4/2 inch, solution depth=2 cm, mouse catheter. 
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cmouse_big5_5 radius=7/32/2 inch, solution depth=2 cm, mouse catheter. 
cmouse_big6  radius=3/16/2 inch, solution depth=2 cm, mouse catheter. 
cmouse_inf  radius=0.75 inch, solution depth=2 cm, mouse catheter. 
cmouse_inf2  radius=1.25 inch, solution depth=2 cm, mouse catheter. 
cmouse_inf3  radius=2.5 inch, solution depth=2 cm, mouse catheter. 
 
crat1   radius=3/16/2 inch, solution depth=2 cm, rat catheter. 
crat2   radius=1/4/2 inch, solution depth=2 cm, rat catheter 
crat3   radius=5/16/2 inch, solution depth=2 cm, rat catheter 
crat4   radius=3/8/2 inch, solution depth=2 cm, rat catheter 
crat5   radius=7/16/2 inch, solution depth=2 cm, rat catheter 
crat6   radius=1/2/2 inch, solution depth=2 cm, rat catheter 
crat_inf  radius=2.5 inch, solution depth=2 cm, rat catheter 
 
cmouse1_short radius=11/64/2 inch, solution depth=1 cm, mouse catheter. 
cmouse_big1_short radius=1/2/2 inch, solution depth=0.72 cm, mouse catheter. 
 

Mouse LV models  
sys  model for end-systole (ES), simulated at 100 kHz. 
dia  model for end-diastole (ED), simulated at 100 kHz. 
ratio02  geometric scaling factor is 0.2, closer to ES, simulated at 100 kHz 
ratio04  geometric scaling factor is 0.2, closer to ES, simulated at 100 kHz 
ratio06  geometric scaling factor is 0.6, closer to ED, simulated at 100 kHz 
ratio08  geometric scaling factor is 0.8, closer to ED, simulated at 100 kHz 
 
sys_10k model for end-systole (ES), simulated at 10 kHz. 
dia_10k model for end-diastole (ED), simulated at 10 kHz. 
ratio02_10k geometric scaling factor is 0.2, closer to ES, simulated at 10 kHz 
ratio04 _10k geometric scaling factor is 0.2, closer to ES, simulated at 10 kHz 
ratio06 _10k geometric scaling factor is 0.6, closer to ED, simulated at 10 kHz 
ratio08 _10k geometric scaling factor is 0.8, closer to ED, simulated at 10 kHz 
 
sys_sigmam_inc10 ES model with 10% increase in myocardial conductivity. 
sys_sigmam_dec10 ES model with 10% decrease in myocardial conductivity. 
sys_perm_inc10 ES model with 10% increase in myocardial permittivity. 
sys_perm_dec10 ES model with 10% decrease in myocardial permittivity. 
sys_blood_inc10 ES model with 10% increase in blood conductivity. 
sys_blood_dec10 ES model with 10% decrease in blood conductivity. 
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dia_papillary ED model with a inserted ellipsoid to simulate 
papillary muscle. 

dia_papillary_volsame ED model with a inserted ellipsoid to simulate 
papillary muscle. The radius of a layer is increased 
to make the blood volume of this model the same as 
the blood volume of dia model. 

dia_checkperm ED model with blood εr=80 and electrodes’ εr=1. In 
other models, blood εr=0 and electrodes’ εr=0. This 
simulation is to check if any difference resulting 
from blood and electrodes’ εr settings. 

 80



References 

 

[1] D. Kass, M. Midei, W. Graves, J. Brinker, and W. L. Maughan, “Use of a 
conductance (volume) catheter and transient inferior vena caval occlusion for 
rapid determination of pressure-volume relationships in man,” Cath. Card. Diag., 
vol. 15, pp. 192-202, 1988. 

 

[2] J. Baan, E. T. van der Velde, H. G. de Bruin, G. J. Smeenk, J. Koops, A. D. van 
Dijk, et al. “Continuous measurement of left ventricular volume in animals and 
humans by conductance catheter,” Circ., vol 70, pp. 812-823, 1984.  

 

[3] H. L. Haber, L. Gimple, C. L. Simek, J. Bergin, E. R. Powers, and M. D. 
Feldman, “Why do patients with congestive heart failure tolerate the initiation of 
beta-blocker therapy?,” Circ., vol. 88, pp. 1610-1619, 1993.  

 

[4] M. D. Feldman, P. H. Pak, C. C. Wu, H. L. Haber, C. M. Heesch, J. D. Bergin, et 
al. “Acute cardiovascular effect of OPC-18790 in patients with congestive heart 
failure,” Circ., vol. 93, pp. 474-483, 1996. 

 

[5] M. D. Feldman, Y. Mao, J. W. Valvano, J. A. Pearce, and G. L. Freeman, 
“Development of a multifrequency conductance catheter-based system to 
determine LV function in mice,” Am. J. Physiol. Heart Circ. Physiol. 279: 
H1411-H1420, 2000. 

 

[6] D. Georgakopoulos and D. A. Kass, “Estimation of parallel conductance by dual-
frequency conductance catheter in mice,” Am. J. Physiol. Heart Circ. Physiol. 
279: H443-H450, 2000. 

 

[7] C. C. Wu, T. C. Skalak, T. R. Schwenk, C. M. Mahler, A. Anne, P. W. Finnerty, 
H. L. Haber, R. M. Weikle, and M. D. Feldman, “Accuracy of the conductance 
catheter for measurement of Ventricular Volumes Seen Clinically: Effects of 
Electric Field Homogeneity and Parallel Conductance,” IEEE Trans. Biomed. 
Eng., vol. 44, no. 4, pp. 266-277, May 1997. 

 

[8] J. C. Woodard, C. D. Bertram, and B. S. Gow, “Effect of radial position on 
volume measurements using the conductance catheter,” Med. Biol. Eng. Comput., 
vol. 27, pp. 25-32, 1989. 

 81



 

[9] S. Kun and R. A. Peura, “Analysis of conductance volumetric measurement error 
sources,” Med. Biol. Eng. Comput., vol. 32, pp. 94-100, 1994. 

 

[10] E. B. Lankford, D. A. Kass, W. L. Maughan, and A. A. Shoukas, “Does volume 
catheter parallel conductance vary during a cardiac cycle?,” Am. J. Physiol. Heart 
Circ. Physiol. 258: H1933-H1942, 1990. 

 

[11] T. S. Gawne, K. S. Gray, R. E. Goldstein, “Estimating left ventricular offset 
volume using dual frequency conductance catheters,” J. Appl. Physiol. 63(2):872-
876, 1987.  

 

[12] P. A. White, C. I.O. Brookes, H. B. Ravn, E. E. Stenbog, T. D. Christensen, R. R. 
Chaturvedi, et al. “The effect of changing excitation frequency on parallel 
conductance in different sized hearts,” Cardiovascular Research 38:668-675, 
1998. 

 

[13] H.P. Schwan, “Electrical properties of blood and its constituents: alternating 
current spectroscopy,” Blut 46:185-197, 1983. 

 

[14] J. Z. Tsai, J. A. Will, S. H. Stelle, H. Cao, S. Tungjitkusolmun, Y.  B. Choy, et al. 
“In-Vivo Measurement of Swine Myocardial Resistivity,” IEEE Trans. Biomed. 
Eng., vol. 49, no. 5, pp. 472-483, May 2002. 

 

[15] C. Gabriel, S. Gabriel, and E. Corthout, “The dielectric properties of biological 
tissues: I. Literature survey,” Phys. Med. Biol., vol. 41, pp. 2231-2250, 1996. 

 

[16] S. Gabriel, R. W. Lau, and C. Gabriel, “The dielectric properties of biological 
tissues: II. Measurements in the frequency range 10 Hz to 20 GHz,” Phys. Med. 
Biol., vol. 41, pp. 2251-2269, 1996. 

 

[17] C. L. Wei, J. W. Valvano, M. D. Feldman, M. Nahrendorf, and J. A. Pearce, “3D 
Finite Element Complex Domain Numerical Models of Electric Fields in Blood 
and Myocardium,” Proc. of IEEE-Engr. In Med. And Biol. Soc., 25th Annual 
International Conference, pp.62-65, Sep. 2003. 

 

[18] D. K. Cheng, Field and Wave Electromagnetics, Addison-Wesley Publishing 
Company, Reading, MA, 1989, pp. 208-219. 

 82



 

[19] AL Bovik, Handbook of Image & Video Processing, Academic Press, San Diego, 
CA, 2000, pp. 426-428. 

 

[20] R. C. Gonzalez, and R. E. Woods, Digital Image Processing, Addison-Wesley 
Publishing Company, Reading, MA, 1992, pp. 432-438.   

 

[21] Maricela Reyes, Importance of Genetic Background on Myocardial Frequency-
Resistivity, master’s thesis, The University of Texas Health Science Center at San 
Antonio, 2003. 

 

[22] J. G. Webster, Medical Instrumentation: Application and Design, John Wiley & 
Sons, New York, NY, 1999. pp. 183-230. 

 

[23] D. Georgakopoulos, W. A. Mitzner, C. H. Chen, B. J. Byrne, H. D. Millar, J. M. 
Hare, and D. A. Kass, “In vivo murine left ventricular pressure-volume relations 
by miniaturized conductance micromanometry,” Am. J. Physiol. Heart Circ. 
Physiol. 274: H1416-H1422, 1998. 

 

[24] J. A. Pearce and M. D. Feldman, “Numerical model study of dual frequency 
conductance measurement of left ventricular volume in the mouse,” Poster, Proc. 
IEEE-Engr. In Med. And Biol. Soc., 24th Annual Meeting, Oct. 2002. 

 

[25] M. D. Feldman, J. M. Erikson, Y. Mao, C. E. Korcarz, R. M. Lang, and G. L. 
Freeman, “Validation of a mouse conductance system to determine LV volume: 
comparison to echocardiography and crystals,” Am. J. Physiol. Heart Circ. 
Physiol. 279: H1698-H1707, 2000. 

 

[26] B. Gopakumaran, J. H. Petre, B. Sturm, R. D. White, and P. A. Murray, 
“Estimation of Current Leakage in Left and Right Ventricular Conductance 
Volumetry Using a Dynamic Finite Element Model,” IEEE Trans. Biomed. Eng., 
vol. 47, no. 11, pp. 1476-1486, Nov 2000. 

 

[27] G. Mur and J. Baan, “ Computation of the input impedances of a catheter for 
cardiac volumetry,” IEEE Trans. Biomed. Eng., vol. BME-31, pp. 448-453, 1984. 

 

 

 83



[28] P. Steendijk, E. T. van der Velde, and J. Baan, “Single and dual excitation of the 
conductance-volume catheter analyzed in a spherical mathematical model of the 
canine left ventricle,” Eur. Heart J., vol. 13, supp. E, pp. 28-34, 1992. 

 84



 

Vita 

 

Chia-Ling Wei was born in Chia-I city, Taiwan, on December 23, 1972. 

She is the daughter of Chin-Cheng Wei and Shu-Hwa Wu. She received her 

Bachelor’s and Master’s degrees from the Department of Electrical Engineering at 

The National Taiwan University (NTU) in 1995 and 1997, respectively. After 

graduation, she started her career designing embedded synchronous SRAM 

circuits for the Taiwan Semiconductor Manufacturing Company Ltd., Hsinchu, 

Taiwan. She married Jung-Kuei Chang in 1999, and entered The University of 

Texas at Austin (UT-Austin) in the spring of 2000. She gave birth to her daughter, 

Ally Chang, in 2003. She was a teaching and research assistant in both NTU and 

UT-Austin.  

 

 

Permanent address: No. 82, Lane 201, Dong-Ning Road, Tainan, Taiwan. 

This dissertation was typed by the author. 

 

 
 

 85


	Copyright
	Title
	abstract
	Table of Contents
	List of Tables
	List of Figures
	Chapter 1 Introduction
	Chapter 2 The Nonlinear Conductance-Volume Relationship of the Conductance Catheter System: Theoretical, Empirical and Numerical Analyses
	Chapter 3 Comparison of the Performances of Baan's Equation, the Analytic and Empirical Approximations 
	Chapter 4 Construction of 3D Left Ventricle Finite Element Models from MRI Images
	Chapter 5 In Vivo Mouse Measurements
	Chapter 6 Conclusion
	Appendix Modeling Files
	References
	Vita

