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University of Washington

Abstract

Analysis of defibrillation efficacy and investigation of impedance cardiogra-
phy with finite element models incorporating anisotropic myocardium

Yanqun Wang

Chairperson of the Supervisory Committee:

Professor Yongmin Kim
Department of Bioengineering

Increasing defibrillation efficacy by estimating and lowering the defibrillation
threshold (DFT) is important in positioning implantable defibrillating electrodes. We ana-
lyzed the relation between the experimentally-measured DFTs and the myocardial voltage
gradients (VGs) simulated by the 3D subject-specific isotropic finite element models. Our
data show a statistically significant correlation between the DFT and the left ventricular
VG, with its septal region being most significant (cc = 0.74). The DFT correlation with the
RV and atrial VG, however, is not significant. We then estimated the errors in this correla-
tion due to the isotropic simplification in modeling myocardium by elastically mapping
published myocardial fiber data into our animal models, and found that the error in the

estimated myocardial VG should have only a small effect on the above estimated correla-



tion. Because the correlation is also affected by the accuracy of the measured resistivities
of anisotropic tissues, e.g., myocardium and skeletal muscle, we studied the geometric
effects of a four-electrode probe on the measurement of anisotropic resistivities. Our sim-
ulation shows that the measured tissue anisotropy ratio is decreased by increasing the elec-
trode size relative to the interelectrode spacing, which is supported by our experimental
measurements. We have thus provided an equation for estimating such errors from the

electrode geometry.

We also studied how the band- and spot-electrode location affects the measured
impedance change in impedance cardiography using realistic diastolic and systolic human
thorax models. The results show that ventricular contraction, the only factor that increases
systolic impedance, has a larger effect than the resulting expansion of major vessels and
decrease in lung and aortic blood resistivities. When spot electrodes are placed on the
anterior chest wall near the heart, ventricular contraction dominates and the measured
impedance change at systole represents 82% of the contribution from ventricular contrac-
tion. When using band electrodes, the impedance change is a more balanced combination
of the four effects. These results suggest that impedance cardiography can not directly
measure stroke volume based on the whole thoracic impedance change, while spot elec-

trodes may be more useful in detecting local physiological activities in the ventricles.
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Introduction

Two important bioelectric phenomena are frequently encountered in the clinical
environment: (1) can defibrillation efficacy be estimated using non-invasive or minimally-
invasive techniques? (2) since the physiological events underlying impedance cardiogra-
phy are still unclear, how can impedance cardiography provide more physiologically
meaningful measurements by selecting proper electrodes and measurement locations?
While answering these questions requires an enormous research effort, this dissertation
attempts to provide some insight through a series of preliminary studies that used both

subject-specific computer simulation and animal experiments.

Increasing defibrillation efficacy by lowering the defibrillation threshold (DFT) is
an important goal in positioning implantable cardioverter-defibrillator electrodes. Clini-
cally, the DFT is difficult to estimate non-invasively. It has been suggested that the DFT
relates to the myocardial voltage gradient distribution, but this relation has not been dem-
onstrated quantitatively. Our group performed a series of pig experiments to measure the
DFTs, and created three-dimensional subject-specific finite element models to assess the
correlation between the computed myocardial voltage gradient and the DFTs. However,
two factors obstructed a detailed analysis of this correlation: the myocardial fiber direction
and the principal myocardial resistivities, both of which are needed in the finite element

models but are not readily available on a subject-specific basis.

In order to assess the effects of anisotropic electric property of myocardium, myo-
cardial fiber direction was needed. In this study, we proposed a multiquadric-spline based
elastic mapping approach to incorporate a “generalized” myocardial fiber information into
a specific individual to assess the effects of the correlation between the DFT and myocar-
dial voltage gradient. Since principal anisotropic tissue resistivities are most commonly
measured with the four-electrode technique, the geometry of four-electrode arrays can

affect the measurement results significantly. We studied via computer simulation the



effects of electrode diameter, electrode length, interelectrode spacing and tissue size on the
accuracy of measured tissue resistivities and anisotropy ratios obtained with the widely-
used four-electrode technique. We also used experimental data obtained on in vitro tissues

to verify the simulation results.

Traditional impedance cardiography technique uses band electrodes for delivering
current to and measuring voltage of the thorax. The use of spot electrodes has added a new
dimension to the impedance cardiography technique, increasing the ease of electrode
placement and the comfort level for patients. Research has shown that changes in thoracic
impedance can have multiple causes. In this study, we proposed to use finite element mod-
eling to investigate the sources of impedance change for both band-electrode and spot-
electrode impedance cardiography, and focused on how differences in electrode location
affect the contribution of different sources to changes in impedance. Realistic end-dias-
tolic and end-systolic models were obtained from MRI images of a healthy human subject.
We examined the hypothesis that impedance cardiography can be used to directly measure
stroke volume based on the change in the whole thoracic impedance, and investigated
whether more physiologically meaningful measurements can be obtained by using differ-

ent types of electrodes and applying them at different locations.



Chapter 1. Analysis of Defibrillation Efficacy from Myocardial Voltage
Gradients with Isotropic Finite Element Models

I. Introduction

Ventricular fibrillation (VF) is characterized by uncoordinated ventricular contrac-
tions that result in a sudden substantial drop in cardiac output. Clinical studies have shown
that VF is closely related to sudden cardiac death [7]. The success of the implantable car-
dioverter-defibrillator (ICD) in terminating VF has led to wide clinical acceptance [8][87],
and the ICD is now believed to be the most efficacious device for the prevention of sudden
cardiac deaths [79]. One of the major issues concerning ICD usage is placement of the
defibrillating electrodes so that the current can be optimally channeled through the cardiac
muscle, particularly the left ventricular myocardium. A good electrode configuration
should achieve successful defibrillation with maximal efficiency while minimizing poten-

tial injury to the patient.

Finite element (FE) models have been extensively used in studies ranging from
determining the voltage gradient distributions in tissue to the optimal design of defibrilla-
tion electrodes [35][36][41][42][48]. Recently, we applied subject-specific three-dimen-
sional (3D) FE models to investigate quantitatively the correlation between the computed
and measured voltage distributions in animals under defibrillation shock and obtained an
average correlation coefficient of 0.927 [36]. Our 3D FE models were based on CT images
of individual subjects, and thus were anatomically subject-specific. The results demon-
strated the usefulness and capability of the subject-specific FE modeling approach in

defibrillation study.

Defibrillation efficacy is measured by the defibrillation threshold (DFT), the mini-

mum effective voltage for successful defibrillation [77]. Because defibrillation outcomes



are probabilistic in that a given applied voltage will result in successful defibrillation
sometimes rather than always, the DFT is defined as the voltage corresponding to a certain
success rate. For example, the 50% DFT (or DFTsp) is the voltage that succeeds in
defibrillation in 50% of trials. In experiments performed directly on the exposed canine
heart, it was observed that a voltage gradient (VG) distribution with a minimum of 3 V/cm
in the whole myocardium needs to be established for successful defibrillation with bipha-
sic waveform [32][101], suggesting that the DFT is closely related to the myocardial VG.
In addition, some researchers have suggested that the influences of different myocardial
regions on the DFT are different [78]. While measuring the myocardial VG in vivo is an
invasive and very challenging task, FE modeling offers a potential practical approach to

this problem.

Using animal experiments and 3D subject-specific FE models, we tested the

hypothesis that the DFT is related to the VG distribution in the myocardium.

II. Methods

Figure 1.1 shows a flowchart showing the steps in our study. Important steps are

described in more detail in this section.

A. Animal experiments

A.l Animal preparation

A total of 11 Hampshire-Yorkshire Cross pigs were used in the experiments
reported here. Animals were of random sex and 1 to 2 months of age, with weights rang-
ing from 20 to 30 kg. All animal experiment protocols were in accordance with NIH stan-

dards and were approved by the University of Washington Animal Care Committee [28].

Animals were housed in the animal lab for up to 5 days before the experiments. At
the beginning of the experiment, the animal was sedated with an intramuscular injection of

ketamine (22 mg/kg), acepromazine (1.1 mg/kg), and atropine (0.05 mg/kg). The animal



was then given halothane by mask and following endotracheal intubation or tracheotomy,
general anesthesia was maintained with halothane (1-2%) in 100% oxygen (O,) until
instrumenting the animal was complete. Halothane was then slowly decreased, and pento-
barbital sodium (30 mg/kg) was used as an énesthetic maintenance agent for the duration
of the experiment. Throughout the experiment, the animal was ventilated with a Harvard
respirator and was placed on 5 cm H,O positive end-expiratory pressure (PEEP). The arte-
rial partial pressure of carbon dioxide (CO,) was maintained between 35-45 mmHg, and

the animal was oxygenated with 100% O,. A warming blanket was also provided to main-

tain the animal’s body temperature at 37°C . Intravenous antibiotics of cefazolin (50 mg/

kg) and gentamicin (2.5 mg/kg) were administered every 4 hours.

Intravascular catheters were placed in the femoral artery and vein to continuously
monitor central venous pressure and arterial pressure. The electrocardiogram was moni-
tored for the animal’s physiological condition, fibrillation induction and defibrillation con-

version. Blood samples were taken approximately every 2 hours for measurements of

electrolyte (K* and Mg™) concentration. Arterial blood gases, pH and hematocrit were

recorded every 10-45 minutes. Body temperature and respiration rate were also monitored.

The first three of the following implantable electrode configurations were tested on
each pig, except for pig #11 in which all four configurations were tested. The cathode was
always a catheter electrode (Medtronic, Minneapolis, MN, model 6884) in the apex of the
right ventricle (RV) placed via the right jugular vein. The anode was placed subcutane-
ously and was one of the following: (1) an anterior patch (Medtronic model 6895) elec-
trode placed over the cardiac apex of the left ventricle (LV), (2) an anterior 40-cc can
electrode (Medtronic model 10438-40) placed below the left clavicle, (3) a posterior 40-cc
can electrode placed below the left scapula, (4) an anterior patch electrode placed in the
upper right abdomen (Figure 1.2). At the beginning of the experiment, anode pockets were
made, and the catheter was fluoroscopically placed in the RV with the tip screwed into the
apical myocardium. The position of the RV catheter was verified afterwards by pacing and

was checked intermittently by fluoroscopy throughout the experiment.



A.2 DFT measurement

After animal preparation and placement of the defibrillation electrodes, the DFT
was measured for each electrode configuration. Figure 1.3 is a flowchart of the DFT mea-

surement protocol.

The DFT measurement began with an initial guess of the DFT5q as 800 V (Step 2).

Then, a series of fibrillation-defibrillation episodes ensue through which the DFT was esti-
mated iteratively (Steps 3-8). For each episode, VF was induced at the end of expiration by
applying a 60-Hz current to the heart (Step 3), and a test defibrillation shock from the
implanted electrodes was delivered (Step 4). If defibrillation was unsuccessful, a rescue
shock was applied using an external transthoracic defibrillator (Step 5). The DFT and its
95% confidence intervai (CI) were then calculated (Steps 6 & 7) and the next defibrillation
voltage to be used was suggested (Step 8) through a mathematical procedure (below).
These testing episodes for a particular electrode configuration were stopped when either
the 95% CI of the DFT was less than 150 V or the total number of defibrillation shocks
(including rescue shocks) exceeded 30, whichever occurred first. For most configurations,
the 95% CI of the DFT at the completion of the procedure was reduced to 150 V, and it

was always less than 170 V. A 3-minute interval was allowed before the next defibrillation

voltage was tested.

There are two main types of methods to measure the DFT, reflecting two different
views of the DFT concept. The first method is the voltage stepping test based on the con-
cept that the DFT is a transition voltage between defibrillation success and failure
[14][63]. This concept has now evolved to a statistical concept of the DFT as the threshold
intensity that can successfully defibrillate on half of the trials. Rather than describing the
transition voltage by a single value, the second method views the DFT as having a distri-
bution that peaks at a certain voltage [20][47]. Therefore, the probability of defibrillation
success is a monotonically increasing (usually sigmoidal) function of applied voltage. The
first method is deemed qualitative and cannot define a DFT success rate other than 50%.

We consider the concept of probabilistic DFT more appropriate. Therefore, we adopted a



logistic regression approach in which a sigmoidal curve was fit to a series of binary (suc-
cess/failure) points on a graph of success rate vs. defibrillation voltage [31]. The sigmoidal

relation was parameterized as follows:

(V-DFT50)/b

p(V) = (V-DFT50)/5 (L.1)
l+e

where p(V) is the probability of defibrillation success for an applied voltage V, and b
reflects the transition width of the sigmoidal curve. A computer program was developed to
run on-line during the fibrillation-defibrillation episodes, giving continuously-updated
estimates for DFT5q and b along with their 95% CIs (Steps 6 & 7). The program also cal-
culates the test voltage for the next defibrillation episode, which will maximally reduce the

95% CI of DFT5( based on the results of the previous trials (Step 8), thus minimizing the
number of defibrillation shocks on the animal. When the CI of DFT5y is sufficiently small
or the total number of defibrillation shocks is over 30, the iterative process is terminated,
and the DFT5q value is obtained. Our definition of the DFTsg and the DFT defined by a
single transition voltage are essentially equivalent ([87], pp. 236-256), which allows com-
parison of our results with those in the literature. Note that from Eq. (1.1), a DFT for any

success rate can be obtained, such as the DFTgg that is found by solving p(DFTgg) = 0.8.

A specially-designed high voltage pulse generator was used to provide a 65%-tilt
biphasic waveform (Figure 1.4) for defibrillation with selectable voltage and pulse width.
The actual delivered defibrillation voltage and current were measured using a PC-based

data acquisition system controlled by a Windows program.

A.3 CT scan

To build a subject-specific FE model, each animal was imaged via a2 CT scanner.
At the completion of an experiment, the anesthetized animal was administered a blood
vessel contrast agent (Renografin-76, 6 mg/kg) that makes the heart chambers and blood

vessels show up with higher intensity in the CT images, facilitating later image segmenta-



tion. The animal was then immediately euthanized and transported to a nearby CT scanner
(General Electric 9800 HTD, Milwaukee, WI) for a post-mortem scan. The post-mortem
(end-diastolic) heart resembles the heart in VF, where ventricular emptying is ineffectual.
The endotracheal tube was clamped at end-expiration to prevent inflation of the lungs,
which resembles the lungs in VE. Before scanning, all stimulating electrodes (metal)
except the RV catheter were replaced with plastic phantoms to avoid artifacts in the recon-

structed CT images. These phantom markers were easily identifiable in the CT images.

The scanning was done in two stages. The pig’s heart was first scanned to locate
the RV catheter electrode. The catheter electrode was then removed to avoid artifacts on
the CT images so that the heart chambers could be easily segmented. After this, 3-mm

scanning from neck to lower abdomen (approximately 130 slices) was performed.

B. Subject-specific FE models

The CT images have 512 x 512 pixels (FOV = 300 mm) with 12 bits/pixel. Using a
semi-automatic tissue classification program [76], these images were classified into differ-
ent tissue types, and the location of the anode was determined from the imaged plastic
phantom while the cathode was located from the scan of the RV catheter. Based on the
classified images for each animal, multiple 3D FE models were constructed, one for each
electrode configuration. Each tissue class was assigned a resistivity adopted from values
published in the literature [25][72] (Table 1.1). Skeletal and cardiac muscles were mod-

eled using isotropic resistivities.

By modeling biological tissues including myocardium as passive conducting
media, voltage in the tissues as a result of an external electrical stimulation follows

Laplace’s equation
Veos(VV) =0 (1.2)

where o is the assigned conductivity value of the tissues and V is the voltage to be solved

for. The FE method, a numerical modeling technique suitable for solving partial differen-



tial equations in an irregular geometric domain, has been successfully used to solve Eq.
(1.2) in computing the electric field in the thorax as a result of external stimulation
[401[48]. In order to apply the FE method, tissue domain was discretized into 3D ele-

ments, with ¢ constant in each element and V interpolated using nodal voltages [102].

Over the past several years, our group has developed both the fixed-mesh-size and
adaptive-meshing FE solvers [11][70]. Both solvers automaticaily generate FE meshes
directly from segmented tomographic images, which is useful for the rapid generation of
patient-specific models because tissue boundaries in the human thorax are too complicated
to generate with solid geometry models. Contrast to the fixed-mesh-size FE algorithm, our
adaptive FE algorithm adaptively refines the meshes according to the local current-density
error. Adaptive mesh refinement results in models with varying mesh densities, e.g.,
higher density in the heart and near the electrodes, and lower density in the lungs and away
from the electrodes. Mesh adaptation uses local estimates of the current density error to
identify regions for which the mesh should be refined, and continues iteratively until the
global current density error falls below a pre-defined threshold, thus allowing a much
more efficient computation than the fixed-mesh-size FE approaches [70]. For additional

details, we refer the readers to a comprehensive description of the algorithm in [70].

Our FE models use uniform hexahedral (cubic) elements [102], with each node
being the vertex of a voxel in the classified images. The element size in the FE models was
2.3 mm x 2.3 mm x 3.0 mm obtained by averaging the resistivities of 4x4 pixels in each

classified image. The number of elements in the models ranged from 600,000 to 900,000.

Dirichlet (constant voltage) boundary conditions were applied at the anode and
cathode electrodes. A Neumann (zero normal flux) boundary condition was applied at all
the external surfaces of the model. The resulting system of linear equations was solved
using the Jacobi conjugate gradient (JCG) method on an IBM RS6000 workstation with
128 Mbytes of memory. Model construction and solution for each configuration took

approximately 2.5 hours.
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C. DFT correlation with the voltage gradient distribution

From the model solutions for each electrode configuration, tissue voltages were
obtained and their partial derivatives were evaluated along the three orthogonal coordinate
axes, from which we extracted the VG magnitude in the myocardium and its subregions

(Figure 1.5). Then, we calculated the backward-cumulative histograms H(vg) via

oo

H(vg) = Ih(x)dx, where x is the VG magnitude and A(x) is the normalized VG histo-
ve
gram. A typical backward-cumulative histogram in the myocardial region from one animal
model is shown in Figure 1.6. By definition, H(vg) is the proportion of the myocardial
region of interest that has a voltage gradient of at least vg. For a given percentage p, we
define VG gg«, by solving H{VGgo=p) = p; in other words, VGqgg«p is the minimal volt-
age gradient present in 100¥p% of the myocardium. For example, when p = 80%, VGgo,
the minimal voltage gradient over 80% of the entire myocardium, can be found by solving

H(VGgg) = 80%, where H(vg) is the backward-cumulative voltage gradient histogram for

the entire myocardium.

We are interested in the relation between the VG and the DFT. For example, if two
electrode configurations have different backward-cumulative voltage gradient histograms
and different VGggs obtained from an FE animal model (Figure 1.6) for the same applied
defibrillation voltage, which one of them will have the lower measured DFT in experi-
ment? Studies have suggested that a reliable defibrillation requires a certain VG (about 5
to 6 V/cm for monophasic, and 3 V/cm for biphasic defibrillation waveforms) to be estab-
lished in a critical mass of the myocardium [32][51][94][100]{103]. Although the size of
this critical mass has not been accurately determined, it has been hypothesized to range
from 75% ([871, pp. 29-36) to 90% [100] of the ventricular mass. In this study, we chose to
examine the relationship of the VGgg to the DFT. The calculation of VGgg from the FE

models is more accurate than that of VGgg because at 80% level more elements are avail-

able for calculation and the discretization error in the FE models is smaller. A certain VG
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being required in a critical mass of the myocardium implies that the electrode configura-
tion with the higher VG in Figure 1.6 (configuration #1) can establish a voltage gradient of
at least 3 V/cm with a lower applied voltage than the other configuration (configuration
#2), and that configuration #! should have the lower DFT. Thus, the specific hypothesis
we set out to test is that for an electrode configuration, the higher the VGgg for a fixed
applied defibrillation voltage, the lower the measured DFT5, will be. Spearman’s rank
correlation method was used to calculate the rank correlation coefficient (cc) and to test its
significance [97]. Because we are also interested in the subregions of the myocardium
(Figure 1.5), we tested the above hypothesis for these subregions as well. Since the gov-
erning Laplace’s equation for FE models is linear, the model solutions are proportional to
the applied boundary conditions. Thus, the choice of the applied defibrillation voltage (the
boundary condition) is arbitrary, and we chose to apply 400 V.

III. Results

A. DFT measurements

From 34 electrode configurations in 11 pigs, a total of 34 DFT5gs were measured

as shown in Figure 1.7.

B. DFT correlation with the voltage gradient distribution

After the FE model for each configuration in each animal was created and solved,
the VG magnitude values of all the elements in the whole myocardium and its subregions
(Figure 1.5) were extracted. The backward-cumulative histograms of the VG magnitude
for the myocardial regions were calculated. From 34 electrode configurations in 11 pigs,

we obtained 34 VGggs for the entire myocardium, atria, ventricles, RV, LV, LV free wall,

and septum, respectively (Figure 1.8(a) - (g)).

The purpose of Spearman’s method is to assess the correlation of the ranks of
observations for the two variables. To test the hypothesized relation that the higher the

VGg, the lower the DFT5g, all DFT5q measurements were ranked from high to low (i.e.,
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rank 1 is the highest) while all the simulated VGgg values were ranked from low to high

(i.e., rank 1 is the lowest). Then, cc was calculated using Spearman’s formula [97]:

NC
2
6 2 (RD,i_RV,i)-
cc=1-—"=1— (1.3)
N, -N,

where N, = 34 (number of configurations), and Rp; and Ry; are the DFT5q and VGgg rank
for the ith configuration, respectively. Spearman’s test was then applied to the null hypoth-
esis Hy: cc = 0. The calculated correlation coefficients, termed cross-animal cc, are listed
in Table 1.2 with their p values (first row). The whole myocardium, ventricles, LV, LV free
wall, and septum have the highest cc values, and Hy is rejected for these regions at the 5%
significance level. Neither the atria nor the RV shows any statistically significant correla-

tion between VGgg and DFT5.

In addition to assessing the correlation collectively over 11 pigs, we also assessed
the correlation for each pig since each pig had 3 - 4 different electrode configurations,

enough to allow Eq. (1.3) to be evaluated (N, = 3 or 4). These correlation coefficients are

termed as within-animal cc. Figure 1.9(a) - (g) show the within-animal cc values for each
pig for the entire myocardium, atria, ventricles, RV, LV, LV free wall, and septum, respec-
tively. Table 1.2 also lists the average of these cc values from 11 pigs (second row). Com-
pared to the cross-animal cc, the averaged within-animal cc is much higher for the septum
(0.74), but is not significantly different for the other myocardial regions. Again, the whole
myocardium, ventricles, LV, and LV free wall as well as septum demonstrate significant

correlation.

The above studies used the mean DFT5q values for estimating the correlations. Due
to our DFTs5 measurement protocol in Figure 1.3, each estimated DFT'sg has a distribu-

tion characterized by its mean and CI. In order to examine the variation in the correlation
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results due to the uncertainty in DFT5g estimation, we resampled 10,000 DFT5q values
from the DFT 5 distribution for each electrode configuration and repeated the above corre-
lation studies. More than 50% of the resampled DFT5gs resulted in the same correlation
coefficients as those estimated using the mean DFT5gs, which justifies the above correla-

tion study using only the mean DFT 5 values.

IV. Discussion

Estimating the DFT for a specific patient is very desirable in clinical environments.
Current practice often requires the use of multiple fibrillation-defibrillation testing trials
during the ICD implantation procedure, which presents a risk to the patient. Research on
correlating the DFT with various clinical attributes has produced disappointing results.
Raitt et al. [62] examined the clinical predictors of the DFT using an electrode configura-
tion with an 80-cc left anterior can and an RV catheter electrode. The clinical predictors
examined were sex, age, weight, body surface area, resting heart rate, QRS interval, LV
mass, posterior wall thickness, septal wall thickness, and ejection fraction. Except for the
LV mass (cc = 0.45) and LV end-diastolic diameter (cc = 0.40), no clinically relevant cor-
relation was found between these variables and the DFT (cc = 0.03 - 0.36). This reflects
the fact that the complex physiological and cellular events are not adequately represented

by general clinical information. °

Studies have shown that at the cellular level, transmembrane potential is closely
related to the extracellular voltage gradient [87]. As the transmembrane potential and the
stage of polarization of thousands of myocardial cells determine the defibrillation out-
come, it is reasonable to assume that the DFT is related to the VG distribution in the myo-
cardium. Our study attempted to quantify this relation by way of animal experiments and

FE modeling of each animal.
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A. Correlation of DFT with voltage gradient distribution in the atria, RV, and LV

Although the size of the critical mass for successful defibrillation is not known
precisely, it is suggested by experiments and simulations to be close to 80% of the ventric-

ular mass [87][75]. Based on this, we assessed the correlation between the DFT5y and
VGg in the entire myocardium, atria, RV, LV, LV free wall, and septum. Here, VGgy is
defined as the minimal voltage gradient established in 80% of each of the above myocar-

dial regions.

In the first row 6f Table 1.2, cross-animal cc values for various myocardial regions
were calculated between the 34 computed VGgg values in those regions and 34 DFTsg
measurements, all of which were obtained from 11 pigs. This ignores possible differences
in resistivities among animals since our FE models account for only the individual ana-
tomical variations while assuming generic tissue resistivities. In contrast, the within-ani-
mal cc values are much less affected by the inter-animal difference in resistivities.
However, because each within-animal cc value is estimated from 3 to 4 pairs of the VGgg
and DFTs data, the estimation may contain a large standard deviation. By averaging the
within-animal cc values over 11 pigs, the averaged cc contains less deviation than each
within-animal cc. Because of this averaging, the p values for the averaged within-animal
cc’s are not available. When the averaged within-animal cc and cross-animal cc values are
significantly different, it may indicate that the inter-animal difference is significant. From
Table 1.2, only the septum demonstrates a significant difference between the cross-animal

cc and averaged within-animal cc, which will be discussed later.

In Table 1.2, the two types of cc values are similar for the whole myocardium,
atria, ventricles, RV and LV. The whole myocardium, ventricles and LV have much higher
and much more statistically significant correlations than the atria and RV. In view of the
fact that on average the LV volume is about 76% of the entire myocardium and 82% of the
ventricular volume (Table 1.3), the above results simply reflect that it is the LV’s influence

that makes the cc values for the whole myocardium and the ventricles significant. In com-
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parison, the atria and RV appear insignificant in the relation between the DFT5g and VG

distribution. The relative importance of the LV compared to the RV and atria in defibrilla-
tion success is well established [87]. Oeff et al. [S6] showed that the fraction of the LV
mass encompassed by patch electrodes, as measured from CT images, is more predictive
of the DFT than any other myocardial region. As the LV mass accounts for most of the

heart both anatomically and functionally, this result is not surprising.

It is worth noting from Table 1.3 that the myocardial size of the animals used in
this study varies significantly. The maximal heart volume (pig #4, 5671 voxels) is more
than twice the minimal heart volume (pig #11, 2226 voxels), and the maximal volumetric
ratio of the septum to LV is 0.36 (pig #10) while the minimal ratio is 0.20 (pig #8). This
fact supports the use of our subject-specific 3D FE models, which can account for individ-
ual anatomical variations and has been shown to play an important role in simulating bio-

electric phenomena in an individual subject [35][36].

B. Importance of the septum

Although the cross-animal cc values do not show a significant difference between
the septum and the LV free wall, the within-animal cc values averaged over 11 pigs show
that the minimal voltage gradient in 80% of the septum correlates much better with the

DFTs5g than the LV free wall and the entire LV. The importance of the septum in defibrilla-

tion success has also been suggested by other researchers. Singer er al. [78] observed that
transseptal defibrillation was superior to conventional transvenous defibrillation. They
found that compared to the usual transvenous defibrillation configurations (cathode in the
RV apex, and anodes placed subcutaneously and in the superior vena cava), a transseptal
configuration (cathodes in the RV apex and the RV outflow tract, and subcutaneous anode)
demonstrated a higher success probability at any voltage setting and lowered the required
energy by 1/3, while the impedance was about the same. Guse er al. [29] showed that a
configuration (LV catheter and four cutaneous patches) that has a larger coverage of the
septum than the conventional transvenous configuration also produced a lower DFT. Simi-

lar results were also shown by Oeff er al. [56], who observed that the absolute and relative
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amount of the septal mass encompassed by the patch electrodes is a more important deter-
minant of the DFT than the patch-encompassed free wall mass. That the septum may be
more important is reasonable because the septum contains the Purkinje fibers. These
Purkinje fibers are important in the sequential excitation of myocardial cells, which may
be a contributing factor in determining defibrillation outcome. The fact that the averaged
within-animal cc value is significantly higher than the cross-animal cc value only for the
septum may suggest the following: (1) the septum has different tissue properties from the
LV free wall and (2) the septal properties vary more than the LV free wall among animals.

This, however, requires further investigation.

We also investigated the effect of the size of the critical mass on the correlation

between the DFTsgs and the myocardial voltage gradients. As we changed the critical
mass proportion from 80% to 70% and 90%, the rank cc values between the DFT5qs and

VGs of the LV, LV free wall and septum were reduced by up to 11% (data not shown),
while the cc values for the atria and RV remained insignificant. When the critical mass
proportion was reduced from 80% to 50%, the cc values generally decreased by up to
20%. Although the change is gradual, a critical mass proportion between 70% and 90%
provided the maximal cc values for the LV and its subregions. This result indirectly points

to the existence of a critical mass for successful defibrillation.

We also varied the DFT success rate from 50% to 80% (i.e., from DFT5q to DFTgg)

to observe the change in correlation between the DFT and the myocardial voltage gradient.

The cross-animal cc values between the DFTsgs and the minimal voltage gradients in

those myocardial regions studied above were 10-15% higher than those between the

DFTgqs and the minimal voltage gradients. Although this difference is not significant, that
the correlation is better for the DFTsgs than the DFTggs may be due to the smaller varia-
tion in the estimated DFTs( than that in the estimated DFTgg as a result of the DFT esti-

mation procedure.
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Although our results show a statistically significant relationship between the DFT

and the VGg in some parts of the myocardium, this relationship is not strong enough to be

deterministic. Many factors may contribute to this result, particularly the dependence of
the defibrillation outcome on the myocardial fiber orientation relative to the defibrillation-
induced voltage gradients. Tung et al. [88] and Bardou er al. [6] demonstrated through in
vitro experiments on isolated myocardial cells that the cell stimulation thresholds depend
on the cells’ orientation with respect to the electric field and were lowest when the direc-
tion of the electric field intensity was aligned parallel to the long axis of the myocardial
fibers. This result was supported by in vivo animal experiments [5][34]. Analysis using a
simple myocardial-cell model has shown that the voltage drop across the cell membrane is
critically dependent upon the size, geometry, and orientation of the cell when placed in an
electric field ([87], pp- 225-232). Myocardial cells have a long shape with length-to-diam-
eter ratio of about 5 to 1. The more in parallel a myocardial cell lies to the electric field,
the longer the span of the cell in the direction of the field, and the larger the voltage drop
across the membrane, the more likely the cell will be stimulated. In addition, myocardium
has been shown to have significant anisotropy, with intracellular anisotropy ratio larger
than extracellular anisotropy ratio [59][60]. An investigation of the separate effects of
intracellular and extracellular anisotropies requires the usage of bidomain models. Simu-
lating excitation by a unipolar extracellular cathode, Sepulveda et al. [74] have demon-
strated a more complex polarization pattern for unequal intracellular and extracellular
anisotropy ratios in bidomain models showing both depolarization and hyperpolarization
in adjacent areas than in monodomain models showing only a depolarization pattern.
Bidomain models may also allow inclusion of other physiological complexities, such as
nonlinear electrical characteristics of the cell membrane [67]. Because we used mon-
odomain, isotropic FE models and did not extract VG components relative to the fiber

direction, we were unable to assess these effects.
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C. Minimal voltage gradient for reliable defibrillation

We also attempted to verify the reported finding that a certain voltage gradient is
needed in the myocardium for reliable defibrillation [32][101]. Zhou er al. [101] found in
experiments that a DFTg, voltage (biphasic) establishes a minimum voltage gradient of 3
V/cm in the myocardium. In view of the limitations that there are areas in the myocardium
that are not easily accessible, the electrodes to measure the voltage gradient cannot cover
the entire myocardium. We applied DFTggs, computed from Eq. (1.1), to our animal mod-
els and calculated the resulting minimal voltage gradient magnitude in 80% of the entire
myocardium. The minimal voltage gradient magnitudes from 34 electrode configurations
in 11 pigs are shown in Figure 1.10. It can be seen that 97% of the configurations (33 out
of 34) have a minimal VG > 3.1 V/cm, and 79% of the configurations (27 out of 34) have
a minimal VG > 5 V/cm. This result is in agreement with the experimental finding about

the minimal myocardial voltage gradient necessary for reliable defibrillation.

V. Conclusions

Although experiments have suggested the existence of correlation between the
myocardial voltage gradient and the defibrillation efficacy described by DFT [32], this
relation has not been quantified. In this study, using 3D subject-specific FE modeling, we
obtained evidence to support the hypothesis that for an electrode configuration, the higher
the VGgo magnitude in the myocardium with a fixed defibrillation voltage applied, the
lower the measured DFTs. In particular, we found significant correlations between VGgg
in the LV and its subregions and the measured DFT5g, as also suggested by some experi-
mental findings reported in the literature. However, whether the minimal voltage gradient
in the myocardium can be used to compare different electrode configurations and predict

defibrillation efficacy for a given configuration still needs investigation.

The future work may include expanding the FE models from monodomain to bido-
main, incorporating muscle anisotropy in both intracellular and extracellular spaces, and

extracting the components of voltage gradient parallel and perpendicular to the myocardial
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fiber direction will enable us to investigate our empirical findings in this study more
deeply. Our next step is to investigate how the complex myocardial fiber orientation
affects the voltage gradient distribution in the heart and the correlations between the VGgg
in the myocardium and the DFT5,. Although actual fiber orientations cannot be seen on
CT or MRI images, models defining the relationship between the orientation of the heart’s
long axis and that of the myocardial fibers based on experimental measurements are avail-
able [54]. The anisotropy ratios of various muscles are well studied and are available
[21][27][59]1[60][69]1[81][99]. Skeletal muscle fibers need not to be modeled for the study
of the relationship between the VGgg and DFTj5( as research has shown that myocardial
VGg is much less sensitive to the skeletal muscle than to the myocardium [35]. The next
Chapter describes our research on how the incorporation of the myocardial anisotropy
affects estimation of myocardial VGgg, which will allow us to further examine the validity

of the correlation results between the VGgg and the DFT5q obtained in this Chapter.



TABLE !.1. Tissue resistivities used in FE models

Tissue type Resistivity (Q-cm)
blood 154
bone 16000
2180
liver 673
lung 1500
myocardium 420
skeletal muscle 700
skin 1500
stomach 800

20

TABLE 1.2.  Correlation coefficients (cc) between the DFT5ps and VGggs in the
myocardial regions
LV
Whole free
Regions Heart Atria Ventricles RV LV wall Septum
Cross-ani- 0.55 -0.14 0.57 0.15 0.56 0.60 0.54
mal cc < | ©2<p< @< ©02<p< | (< @< | (0.00L<p
0.001) 0.5) 0.001) 0.5) 0.001) 0.001) < 0.002)
averaged 0.60 -0.26 0.60 0.14 0.57 0.53 0.74
within-ani-
mal cc




TABLE 1.3. Number of elements of the myocardial regions in FE models

LV Free

Pig # Heart Atria Ventricles RV LV wall Septum
1 3649 401 3248 759 2489 1778 711
2 4930 372 4558 1025 3533 2627 906
3 2855 248 2607 503 2104 1475 629
4 5671 501 5170 922 4248 3033 1215
5 3454 270 3184 658 2526 1802 724
6 3441 164 3277 657 2620 1874 746
7 3361 290 3071 356 2715 1960 755
8 2256 143 2113 391 1722 1370 352
9 3314 132 3182 517 2665 1943 722
10 3610 110 3500 484 3016 1934 1082
11 2226 157 2069 251 1818 1212 606

Total 38767 2788 35979 6523 29456 21008 8448
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FIGURE !.2. Schematic diagram of the electrode configurations used in the
experiments: configuration 1: anterior chest patch electrode (1) / RV catheter electrode
(A); configuration 2: anterior can (2) / RV catheter (A); configuration 3: posterior can
(3) / RV catheter (A); configuration 4: upper right abdomen patch (4) / RV catheter (A).
The dashed lines outline the rib cage, while the dotted lines show the heart.



FIGURE 1.2. Flowchart of the DFT measurement protocol. The shaded area is an
iterative part consisting of a series of fibrillation-defibrillation episodes. N: number of
defibrillation episodes; Ni.: number of rescue shocks; V4.5 defibrillation voltage;

Oges: defibrillation outcome (1-success, O-failure); DFTsq, b: see Eq. (1.1); CI: 95%
confidence interval.
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FIGURE 1.4. A typical 65%-tilt biphasic waveform used in high voltage defibrillation
shocks. When the voltage drops to 0.35Vp, the phase is flipped. The waveform
terminates when the voltage is -0.12Vp.



Entire myocardium

N

Atria Ventricles
RV LV
LV free wall Septum

FIGURE 1.5. The myocardial regions investigated, in which the VGggs were correlated
to DFT5¢s.
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FIGURE 1.6. Backward-cumulative voltage gradient histograms for two electrode
configurations in a myocardial region from one animal model with the applied voltage
of 400 V. VGgy is found by H(VGg) = 80%. Because the histogram for configuration 1
is to the right of the histogram for configuration 2, VGg for configuration 1 > VGg for
configuration 2. We thus predict that the DFT for configuration 1 is less than that for
configuration 2.
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FIGURE 1.10. Minimal VGs in the entire myocardium when DFTggs are applied to the

corresponding FE models.
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Chapter 2. An Investigation of the Effects of Myocardial Anisotropy on
the Heart Models: Methodology and Application in the Analysis of
Defibrillation Efficacy

I. Introduction

The correlation between the DFT and myocardial VG estimated in Chapter 1 was
based on isotropic myocardial models, while in fact myocardium has been shown to have
significant anisotropy [59]. Myocardial anisotropy information is also needed in the study
of many other bioelectric problems, such as the effects of electrode size and location on
ventricular defibrillation effectiveness [37], and the propagation of electrocardiographic
and magnetocardiographic signals in the heart [48]. These applications need to deal with
electric or magnetic potentials and potential gradients in the heart. The isotropic-model
simplification is commonly due to the fact that most FE models are constructed from ana-
tomical atlases, or more recently, tomographic (CT or MRI) images of the subjects of

interest. None of these anatomies provide information on myocardial fiber structure.

Unlike skeletal muscle, whose fiber orientation usually follows the principal axes
of its overall 3D shape, myocardial fiber orientation has been demonstrated to have a com-
plex structure [54][84][85]. For example, the fiber in the LV free wall changes direction by
more than 90° from endocardium to epicardium [85]. The fiber direction also changes
significantly from the ventricular base to the apex. In an anisotropic material with 2 fixed
principal axes such as a skeletal muscle, increasing the anisotropy ratio from 1 to 2 would
increase the ratio of longitudinal to transverse voltages by 41% [68]. However, it is
unknown, for the much more complex myocardial fiber structure, how much error is intro-
duced in the computed voltage and VG by approximating the myocardium as an isotropic

medium.
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An example of the use of VG is in the study of ventricular defibrillation, in which
estimation of the myocardial VG is needed to assess the efficacy of an electrode configura-
tion [87]. While the ICD provides a better defibrillation efficacy with less damage to other
tissues than the transthoracic defibrillators [79](87], the technique can be potentially
improved if the relation between the DFT and myocardial VG can be better quantified
[71]. Experiments have shown that a certain minimal VG is needed for successful defibril-
lation [32]. Animai experiments and subject-specific FE models in Chapter 1 have shown
that the defibrillation efficacy, measured as the DFTgy, is statistically correlated with the
VGgg in the LV and septum, suggesting the potential for estimating the defibrillation effi-
cacy by computing the myocardial VG distribution using subject-specific FE models [92].
However, the FE models used in this study assume an isotropic myocardium, and therefore
the error involved by making this assumption needs to be estimated to validate the correla-

tion between the DFT5q and myocardial VGgg.

To obtain the information on myocardial anisotropy, both the fiber structure and
anisotropy ratio are needed. Numerous studies have been conducted to quantify fiber ori-
entation with regard to heart geometry [85]. None of those measurements provide a global
mapping of the fiber structure that is usable for FE modeling. Recently, Nielsen ez al. con-
ducted a systematic measurement of the myocardial fiber structure and obtained both the
heart geometry and myocardial fiber directions from several hearts [54]. The data were
made publicly available, providing a useful resource for other research involving the com-

plex myocardial fiber structure.

In this study, we used Nielsen’s data to investigate the effects of myocardial anisot-
ropy by mapping the fiber direction onto individual hearts, using a method based on elastic

deformation. We estimated the difference in myocardial VGgg between isotropic and
anisotropic myocardium, and studied its effects on the correlation between the DFT5y and

myocardial VGgg.
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II. Methods

A. Model construction

The animal model was chosen from one of the models described in Chapter 1. See
Chapter 1, Sections II.A and II.B for details on the experiment protocol and model con-
struction. The animal subject chosen for this study was a Hampshire-Yorkshire Cross pig,
weighing 25 kg. A clinically useful nonsternotomy defibrillation electrode configuration
was examined. The anode was a subcutaneous chest patch electrode (Medtronic, Minneap-
olis, MN, model 6895) placed over the cardiac apex of the LV. The cathode was a flexible
catheter coil-electrode (Medtronic model 6884) fluoroscopically placed in the apex of the
RV through the right jugular vein, with its tip anchored in the apical myocardium

(Figure 2.1).

The thorax model was constructed from the segmented CT images of the animal.
The segmented images, when stacked together, form a 3D thorax model of the pig, based
on which the FE analyses were performed. The 3D thorax model can be visualized in the

AVS visual programming environment (Advanced Visual Systems Inc, Waltham, MA) [2].
B. FE method

For a description of our adaptive FE solver, see Chapter 1, Section II.B. Since the
pixel size is 0.59 mm while the distance between images is 3 mm, each element in the FE
models had an aspect ratio of 1:1:5.12, which might affect the convergence of the FE solu-
tions. The images were thus downsampled from 512x512 to 256x256, making the new ele-
ment size of 1.2x1.2x3.0 mm, for a final aspect ratio of 1:1:2.56. The algorithm was run on

a Pentium-233 PC (233 MHz, Linux OS) containing 256 Mbytes of main memory.

Our adaptive FE algorithm was originally designed for isotropic models, i.e., ¢ in
Eq. (1.2) was a scalar [70]. To study the effects of myocardial anisotropy, the algorithm
was modified to extend o to a tissue conductivity tensor using the myocardial fiber direc-

tion obtained via elastic matching (see Sections C-E). Let the principal axes of the fiber be
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(L, T;, T5), with L being the unit longitudinal and T} and T, being the two unit transverse

vectors, and let the principal conductivities and resistivities be 6,, 6 and p,, pr,

respectively (o, = p L—l , O = pT‘l , 6; 2 0r). Assuming an arbitrary orientation of (L,
T, T,) with regard to the (x, y, z) coordinate system, Eq. (1.2) can be expressed in matrix

notation:

c, 0 O
9 9 9|y J 2.1
[gzga_z]-OGTO_ (2.1
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where J and J' are an orthonormal matrix and its transpose, respectively, for the rotation

between the coordinate systems (L, T}, T5) and (x, y, z). J can be obtained by projecting

the (L, Ty, T,) axes onto the (x, y, z) coordinates:

L, Ly L.
{ = (T, le T,
T’.!x T2_v T?.:

(2.2)

Comparing Egs. (1.2) and (2.1), it is easy to see that the conductivity tensor is:

G, 0 0
c=J]0oc; 0|/ (2:3)
" 7|0 0o,

which is a symmetric 3x3 matrix. Thus, the conductivity tensor can be easily calculated

given the principal conductivities or principal resistivities of the myocardium and the fiber
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direction. The evaluation of the stiffness matrices of the FE equations was adjusted

accordingly.

When observing the effects of myocardial anisotropy, it is important to note that
not only the anisotropy ratio but also the absolute resistivity values of the myocardium
affect the myocardial VG. To compare the isotropic and anisotropic myocardial models,

we focus only on the effect of non-unity anisotropy ratio and need to fix some quantity of

the absolute resistivity values. The principal myocardial resistivities (P, and p,) were
chosen with a constant geometric mean, i.e., P, - Pz = constant, but a varying anisot-
ropy ratio p;/p, . As we will see from Egs. (3.2) and (3.3) in Chapter 3, when current
flow is perpendicular to the fibers in a homogeneous anisotropic tissue, the transverse
voltage drop V e m and thus does not change. Although the thorax model is
highly inhomogeneous, fixing p, - p still provides a base for observation of the effects of

anisotropy ratio. The mean myocardial resistivity was the generic value adopted from pub-
lications (Table 2.1, [25]), while the anisotropy ratio was varied from 1 to 20 (Table 2.2,
[591). For the rest of the tissues, generic isotropic resistivities from [25][72] were used, as

shown in Table 2.1.
C. Myocardial fiber orientation

The calculation of anisotropic conductivity tensors for myocardium requires
knowing the local myocardial fiber direction (Eqs. (2.2) and (2.3)), information not avail-

able from the CT scans.

One way to obtain the myocardial fiber direction is through anatomical measure-
ment. The invaluable work by Torrent-Guasp, Hort, and Streeter has pioneered the investi-
gation of myocardial fiber structure [84][85]. Torrent-Guasp studied the spiral course of
fibers from epicardium to endocardium by lifting up layers of myocardium and tracing the

pathways of the fibers in a cow heart. Hort performed a microscopic analysis of frozen
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sections from the hearts of guinea pigs, dogs, and pigs under systole and diastole, and
studied the change of fiber direction across ventricular wall. Streeter et al. analyzed the
fiber direction change across ventricular wall in cold-hardened sections of the hearts of
pigs, dogs, monkeys [84], and human [85], and also attempted to explore the fiber struc-
tures mathematically [85]. Nielsen er al. {S4] experimentally measured the ventricular
fiber direction in excised canine hearts filled with silicone rubber and mounted on a mea-
surement fixture. A special technique was developed to peel off the muscle in thin layers
(0.5 mm) over the myocardial surface so that the entire ventricle could be evenly sampled.
The results of these studies are in good agreement with each other. The contribution of the
work by Nielsen et al. lies in the mapping of heart geometry in addition to the global map-
ping of fiber directions. Their data are available through the World Wide Web (http:/

www.esc.auckland.ac.nz/Groups/Bioengineering/).

The results about ventricular fiber structure can be summarized as follows
[54][84][85]. (a) Most fibers are parallel to the epicardial surface, (b) epicardial myocar-
dial fibers follow a left-handed helical pathway when viewed from the base, but endocar-
dial fibers form a right-handed helix, (c) the fiber angle change across the myocardial wall

is largest in the interventricular septum (60° - 180°), modest in the LV free wall (more

than 90°), and least in the RV free wall (as low as 20°). A typical section of the LV free
wall has fibers in the mid-wall plane almost parallel to the ventricular base, while the bulk

of fibers are oblique with regard to the base.

Fiber orientations measured experimentally in various mammalian species, includ-
ing guinea pigs, cows, dogs, pigs, monkeys, and human, have demonstrated consistent and
remarkable similarity within and across the species [85]. This similarity justifies our
approach to map the fiber orientation data from a canine heart onto a pig heart in this

study.

Two types of data available from Nielsen et al. [54] are related to our study: ven-
tricular geometry and ventricular fiber directions in directional cosine. Our approach to

mapping ventricular fiber angle data onto our pig’s heart consists of two steps: (a) estab-
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lish an elastic mapping function between the geometries of the two hearts, (b) use the one-
to-one mapping to estimate fiber direction at each point in the pig’s heart. Because fiber

directions in [54] were measured at discrete positions, interpolation was used.

D. Elastic mapping and fiber data interpolation

Elastic mapping addresses the problem of differentiably deforming one object to
another with certain energy constraints imposed on the deformed object [3][50]. Such
energy constraints ensure that after mapping, an equilibrium state is reached between the
external applied forces for deformation and the internal forces against deformation. Since
elastic mapping deforms one object to another continuously, the two objects must have the
same topological structure, while differing only in shape details. The external forces
applied in the mapping are functions of a similarity measure often in the form of distance
between the source and target objects, or more specifically in the form of an average dis-
placement between some corresponding points in the two objects [50]. The internal forces,
on the other hand, are based on the objects’ elasticity and the derivatives of some anatom-
ical contours, which are essentially related to the stretching and bending energies. The
equilibrium state can be solved by force-balancing or by minimizing total energy accord-

ing to Lagrange’s principle.

An alternative in solving the equilibrium state is to use splines, which greatly eases

computation. While the external force is represented by the correspondence of pre-speci-

fied control points, the intermal force is implied in the splines. Unlike C Lcontinuous
Bazier splines, radial-basis splines are defined over the entire problem domain, suitable
for modeling unstructured data sampled at arbitrary locations. The random nature of the
anatomical landmarks in the mapping problem here makes radial-basis splines a better
choice than B splines. Thin-plate splines [12] and multiquadric splines [52][53] are two
useful radial-basis splines. Although thin-plate splines, which uniquely minimize the
physical bending energy consistent with given constraints of point correspondence, have

very similar performance as the multiquadric splines in 2D [23], the 3D thin-plate spline is
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nondifferentiable at the control points [12], while the 3D multiquadric spline is differentia-

ble everywhere. In this study, we used multiquadric splines.

The multiquadric spline has the following nonlinear form in 3D:

Fd) = Jd + R’ (2.4)

2 2 2 X .
where d; = |p-p;| = A/(x—x,-) +(y—-y;) +(z-z;)" . p = (%Y, 2) is an arbitrary

point, p; = (x, ¥ z;) is the ith control point, and R> 0 is a parameter that determines

the visual smoothness of the warping result. Assume that the coordinate systems in the
source and target hearts are (x, y, z) and (X, Y, Z), respectively. Splines were applied to the

X, Y, and Z coordinates separately, yielding the following trivariate transformations:

N
foe,y,2) = Y a;-F(d)+by+b,-x+by-y+bs-z=X,Y,orZ (25)
i=1
where N is the number of control points of correspondence in the source and target hearts,
a;’s are the spline coefficients, and b, — b, are the linear transformation coefficients. All
the coefficients can be uniquely solved for, given N pairs of corresponding control points
in the two hearts. Because there are four more coefficients than control points in Eq. (2.5),

the following equations are added [22]:

N N N N
Za,—=0,2ai-x=0,2a,--y=0,2a,-~z=0 (2.6)

i=1 i=1 i=1 i=1

The coefficients describing each coordinate transform can be solved for independently of

the other coordinates.
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To provide a more uniform distribution of d; in Egs. (2.4) and (2.5), an affine
transformation was applied before the multiquadric-spline based mapping. Suppose the
control points in the source and target hearts are ps; and pt,, respectively, a 3x3 transfor-

mation matrix A and a 3x1 shifting matrix D can be found by satisfying the following

equation:

Min(z |(A - ps; + D) —pt]| 2) 2.7)

The ultimate goal of elastic mapping is to map the myocardial fiber orientation.
After the mapping functions were obtained from solving Eqs. (2.5) and (2.6), the Jacobian
matrix between the two coordinate systems was calculated to produce the myocardial fiber

directions at each point in the target heart:

90X 9X 9X
X dx dy 0z e
dy| = %’ a_;: ?.g dy 2.8)
az dz

9Z 92 9Z

|dx dy dz

Because the dog’s fiber directions were measured at discrete locations, Egs. (2.5)
and (2.6) were also used to fit the fiber direction data, except that f{x, y, z) is now one of
the three directional cosines of the fibers and (x, y, z) is the coordinate for the dog heart
[54]. A C++ program was written to implement the above mapping and interpolation pro-

cedures (Egs. (2.5) - (2.8)).
E. Anatomical landmarks

The control points in the source and target hearts are best realized by anatomical

landmarks. Landmark points are set of discrete geometric points that correspond biologi-
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cally across subjects. In essence, they encode the information needed to describe a geo-
metric shape from a morphometric standpoint [13]. A proper choice of landmark points is
necessary to obtain good mapping functions between the pig heart in our study and the

dog heart used by Nielsen et al. [54].

A total of 81 landmark points were chosen, evenly distributed on the surfaces of
epicardium (26), LV endocardium (28), and RV endocardium (27). Figure 2.2 schemati-
cally shows the positions of the landmark points chosen in both hearts. For the epicardium
(Figure 2.2 (a)), in addition to the apex and the center of the ventricular base, eight land-
mark points were chosen at the base and each of the two cross-sections equally spaced
between the base and the apex, representing anterior, posterior, left, and right extremities,
and anterior left and right, and posterior left and right, respectively. For the LV endocar-
dium (Figure 2.2 (b)), four landmarks were chosen at each of the basal and apical cross
sections of the LV endocardium, and 5 cross sections equally spaced in between. In adja-
cent cross sections, the four landmarks were alternated between anterior, posterior, left,
right and anterior left, anterior right, posterior left, posterior right. For the RV endocar-
dium (Figure 2.2 (c) and (d)), equally-spaced landmarks were chosen at the basal, apical,
and three middle cross sections, with the number of points at each section from base to
apex being four, three, four, two, three for the RV endocardial free wall, and three, two,

three, two, one for the RV endocardial septum.

The anatomical landmarks were determined visually on the 3D myocardial sur-
faces displayed in AVS. The pig’s LV, RV, and septum were assigned different tissue indi-
ces during image classification, thus allowing the epicardium and LV, RV, and septal
endocardium to be easily extracted and displayed with the IsoSurface module which is
based on the marching-cubes principle [2]. For the dog heart, the myocardial geometry is
depicted by the coordinates of unstructured sample points on the surfaces of the epicar-
dium, LV endocardium, and RV endocardium [54]. An AVS module was written to trian-
gulate the myocardial surfaces using the sample points, taking advantage of the fact that

all the samples were taken in equal-spaced parallel planes, which allowed the tiling trian-
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gles to fill the myocardial surfaces continuously and seamlessly. We did not use the trian-
gulation module in AVS as it is based on the Delaunay triangulation principle and

performs best on surfaces for convex volumes.

The pig and dog’s 3D myocardial surfaces were displayed side-by-side in AVS. In
addition to the interactive capability that allows 3D shift, rotation, and scaling easily con-
trollable by keyboard and mouse, AVS also provides utilities to allow the mouse cursor to
be placed on a 3D surface by pointing and clicking, returning the 3D coordinate of the
marked point on the surface. As a result, the anatomical landmarks were easily selected on
both the pig and dog hearts. These landmarks were then used to derive the geometric map-

ping functions between the two hearts.

III. Results

A. Mpyocardial fiber orientation

Figure 2.3 shows a screen-capture of the mapping procedure performed between
the dog and the pig’s hearts. The lower part of the screen shows the AVS network of mod-
ules used for visualization and manipulation of the 3D heart models. The upper part of the
screen shows two windows, with the pig’s heart on the left and the dog’s heart on the right.
The outmost white surface represents the reconstructed epicardiufn, the yellow surface is
the LV endocardium, the green surface is the RV septum, and the blue surface is the RV
free wall. The white spheres on the RV free wall are some of the landmarks identified in
the mapping procedure. The transparency of each surface can be set individually (in
Figure 2.3, the epicardium is semi-transparent while the other surfaces are opaque), allow-
ing the relations between the surfaces to be seen clearly. The 3D heart models can be
scaled, shifted, and rotated interactively, while a probe can be point-and-clicked to any
landmark on a surface with the coordinates shown in the top of the windows. This inter-

face greatly facilitates the identification of corresponding landmarks on the two models.
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The optimal choice of the parameter R in Eq. (2.4) has been shown to be problem
dependent [22]. Although Carlson and Foley have proposed a method to estimate the opti-
mal R for a given data set, exact computation of this optimal value remains an unsolved
problem [18]. An alternative approach is to observe the visual effects of R on the results
[22], which was used in this study. By varying R between O and 10, our visual observation

of the mapped 3D surface and fiber directions gave a best choice of R = Imm for geo-

metric mapping and R = 0.1mm for fiber interpolation.

Figure 2.4 shows the epicardial and endocardial surfaces of the dog heart together
with the pig heart mapped into the dog’s coordinate space at 5 levels from the ventricular

base to the apex.

Figure 2.5 (a) and (b) show the anterior view of the mapped fiber direction on the
epicardium and LV endocardium, respectively. A widely-employed method to represent
the myocardial fiber direction quantitatively is to use the helix angle, the angle between a
fiber and the ventricular base [85]. Figure 2.6 (a) and (b) show the fiber helix angle change
vs. a uniform wall thickness across the middle septum and the lateral LV free wall, respec-

tively, in the pig model.

To better depict the myocardial fiber direction change in the pig’s ventricles, we

defined an index to characterize the rate of fiber direction change at any given position

(x,y, z) as follows:

4(¢.r+i,y+j, z+k ¢x,_v, :)

a,, .= Max —— (°/mm),
A/iT +j +k
Vi j k=01 2+ +k#0 (2.9)
where q>x, vz is the fiber direction vector at voxel (x, y, z), and (4, j, k) are the local coor-

dinates in the 2x2x2 neighborhood with the origin at (x, y, z). Figure 2.7 demonstrates the

complex pattern in the ventricular fiber direction change, with the septum and the apex
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having the highest fiber direction change rate and the LV free wall having the most uni-

form fiber direction change. In general, the closer to the apex, the more drastically the

fiber direction changes.
B. Myocardial voltage gradients

Although cardiac anisotropy has been measured in numerous studies, the measured
anisotropy ratios vary according to whether monodomain or bidomain modeling of cardiac
tissue is used. The ratios range from 1.5 [81] to 3.2 [65] under the monodomain assump-
tion, and 9.0 (intracellular) and 2.6 (extracellular) [19] under the bidomain assumption.
Our study used a monodomain FE model, but we examined a wide range of anisotropy

ratio from 1 to 20 (Table 2.3).

To analyze the effects of myocardial anisotropy, we calculated the ratio of change
in VG magnitude from the isotropic case to a highly anisotropic case (anisotropy ratio =
20) (Figure 2.8). The maximum change (more than 2.5 fold) occurs in the LV free wall,
while change in the septum and most of the RV is much more moderate. Comparing
Figure 2.8 with Figure 2.7, the VG magnitude change does not appear to correlate with the
change of myocardial fiber direction: the maximum VG magnitude change coincides with

neither the maximum nor minimum fiber direction change.

For the study of ventricular defibrillation, the inverse cumulative VG histograms
provide important information on the estimation of defibrillation efficacy [92]. Chapter 1
has shown that VGg, the 80th percentile of VG in the ventricular mass, has a statistically
significant correlation with the DFT5. Figure 2.9 - Figure 2.13 show the inverse cumula-
tive VG histograms for the LV free wall, septum, whole LV, RV free wall, and whole ven-
tricular mass, respectively. The changes in VGgg due to tissue property change from
isotropy to anisotropy are also listed in Table 2.3. The change in VGgq from isotropy to an
anisotropy ratio of 2 is high in the LV free wall (8.6%) and RV free wall (9.6%) but small
in the septum (0.1%). Because the LV mass consists of the LV free wall and septum, the

change in LV’s VGgg is intermediate (8.2%). Since LV accounts for most of the ventricular
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mass, change in the ventricular VGgy is also 8.2%. In general, VGgg increases from its iso-

tropic value as the anisotropy ratio increases.

IV. Discussion

A. Mapped heart geometry and fiber direction

Although eighty-one landmarks were used in mapping, in principle any sufficient
number of landmarks can be chosen as long as they have an approximately uniform spatial
density so that different parts of the heart have the same weight of influence on the map-
ping results. As discussed later, our results suggest that 81 landmarks provide adequate
accuracy for the mapping procedure. While all the landmarks were chosen on the myocar-
dial surfaces of epicardium and endocardium because these surfaces are most easily iden-
tifiable, landmarks within the myocardial wall could in principle be used to further
increase the mapping accuracy. The choice of landmarks is limited by the confidence in
visual determination of the heart anatomy [13] as viewed in AVS. In case of the dog model
provided by Nielsen et al. [54], the papillary and trabecular muscles, for example, make
the LV endocardium a very irregular surface, and the landmarks difficult to locate. Incom-
plete sampling in the dog’s RV endocardium near apex also makes landmark correspon-
dence difficult between the pig and dog. The authors did find a certain variability in
identifying the landmarks due to the uncertainty in visual observation of the reconstructed
3D myocardial surfaces, but the variation turned out to be small enough that the resulting

variations in the mapped pig’s myocardial fiber directions were small.

Figure 2.4 demonstrates the quality of the geometric mapping between the pig and
dog’s myocardial surfaces. We calculated the average distance between the two surfaces,
defined as an average of the distance between any point on the dog’s myocardial surface to
the closest point on the mapped pig’s myocardial surface. The average distance is 2.3, 2.2,
and 2.2 mm for epicardial, LV endocardial, and RV endocardial surfaces, respectively,

comparable to the RMS errors of 0.9, 2.6, and 2.1 mm in the dog data due to their fitting of
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the heart model to the experimentally measured geometry [54]. This small error indicates

that the multiquadric-spline based mapping procedure achieves a good mapping accuracy.

A breakdown of the above average distance shows that the major error in mapping
the epicardium occurs on the RV side (Figure 2.4 (a) - (d)). The pig’s RV-side epicardium
lies for the most part within the dog’s epicardium. The pig’s RV endocardium, on the other
hand, often maps outside the dog’s RV endocardium. This discrepancy reflects the fact that
the pig’s RV was fully stretched at the time of sacrifice due to the venous blood returning
to the RV chamber, and thus the RV free wall was very thin. In contrast, the dog heart used
in Nielsen’s study [54] was cleared of blood before measurement, and the corresponding
tissue distortion was not present. Because the elasticity (R in Eq. (2.4)) in mapping was
uniform over the entire myocardium, better mapping of the RV free wall was difficult to

obtain without a sacrifice in the mapping quality at other locations.

The warped pig’s LV endocardium in general agrees well with the dog’s endocar-
dium in its location and area. The main difference is in smoothness, i.e., the pig’s LV
endocardium appears much smoother than the dog’s LV endocardium. This is because the
papillary and trabecular muscles are not easily seen on the pig’s CT images and were thus
ignored during classification. If these details were present, many more landmark points

would be required.

An important parameter affecting the mapping outcome is R. We chose R = Imm
in Figure 2.4 to balance mapping accuracy in different parts of the myocardium. When R
increases, the LV-side epicardium of the pig becomes smooth and is closer to that of the
dog, but the RV-side smoothness is worsened. The opposite is true when R decreases. The
choice of R = I mm is therefore a compromise between the LV and RV portions of the

myocardium.

The mapping of the myocardial fiber direction vectors, i.e., mapping of the deriva-
tives of the coordinate transformation, can be examined by comparing the myocardial fiber

patterns with published data at locations where characteristic fiber patterns are known to
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exist. For example, an important characteristic of myocardial fiber orientation is its left-
handed helical arrangement on the epicardium when the thumb is pointing from the apex
to the base. The pig model’s epicardial fiber direction in Figure 2.5 (a) changes smoothly
in the correct orientation. On the LV endocardium, the fiber orientation is reversed to a
right-handed helical pathway, and the LV fibers, excluding those at the apex, are at almost
right angles to the corresponding epicardiai fibers (Figure 2.5 (b)). The LV endocardial
fiber orientation does not have as smooth a pattern as does the epicardial orientation, as
demonstrated by Streeter [85]. Another distinctive feature is the transition of fiber direc-
tion across the middie septal wall and across the lateral LV free wall, shown as helix angle
in Figure 2.6 (a) and (b) that changes monotonically across the wall. The helix angle
change in the septum is greater than that in the LV free wall. The decrease in helix angle
from the peak when the position gets very close to the LV endocardium in Figure 2.6 (2) is
because as the fiber passes the vertical position relative to the ventricular base, the helix
angle reaches its maximum of 90° and is then reduced. These results are all comparable to

other reported fiber direction change in the septum and LV free wall [30][66][82][83][85].

It should be pointed out that we used a different value of R for the fitting of fiber
fields from that used in the mapping of geometry. Because more than 2800 data points

were used for the fiber field fitting, the results are not sensitive to the value of R. The

choice of R = 0.lmm provided a satisfactory fiber field.

Ithough the elastic mapping procedure from a “generic” data set to a specific sub-
ject precludes the study of individual variation in myocardial fiber directions, mapping
allows a quick estimation of the magnitude of the effects of myocardial anisotropy on FE
models, in which an individual animal’s fiber direction information is difficult to come by.
Other potential application area of the technique may include quantitative comparison of

the myocardial fiber pattern of different individuals and species with regard to their geom-

etry.
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B. Mpyocardial voltage gradient

Figure 2.8 shows the spatial distribution of the change in VG when the electric
resistance of myocardium changes from isotropy to anisotropy of 20. Similar results are
also seen for anisotropy of less than 20, with the change in VG magnitude correspondingly
smaller. Overall, the VG magnitude tends to increase with the increase of anisotropy ratio
over most of the ventricles. The change is most obvious in the LV free wall, where the VG

magnitude can increase by up to three times for an anisotropy of 20.

Since the complex pattern of fiber orientation contributes to the VG change in the
myocardium, it is logical to ask whether the VG magnitude change correlates with the
fiber direction change in the ventricles. Comparison of Figure 2.7 and Figure 2.8 shows
that in contrast to the VG change that is greatest in the LV free wall, the fiber direction of
the myocardium, or the principal axes of the myocardial anisotropy, change with compara-
ble rapidity throughout the entire ventricles. Significant correlation is not observed
between the fiber direction change rate in Figure 2.7 and the VG magnitude change in
Figure 2.8. That VG changes the most in the LV free wall is likely due to the large volume

of the LV free wall in which there is more current than in any other myocardial portions.

Chapter 1 has shown that the VGgq in the LV free wall and septum is significantly
correlated with the measured DFT5q, while the VGgg in the RV and atria does not show

significant correlation. Since that study used an isotropic heart model and ignored the fiber

orientation, the correlation between the VGgg and the DFT5g was reevaluated.

Figure 2.9 - Figure 2.13 show that the VG in most of the myocardium increases
with an increase in tissue anisotropy except in the septum, where the VG tends to decrease
at lower values. The VGgg changes by less than 10% for an anisotropy of 2, but by as high
as 40% for an anisotropy of 20 (Table 2.3). A recent careful study performed by Steendijk
et al. experimentally measured the myocardial anisotropy in dogs using the four-electrode
technique and found an anisotropy ratio of less than 2 for a frequency range from 5k to 60

kHz [81]. Therefore it is likely that the increase in VGgg from an isotropic heart model to
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a more realistic anisotropic model would be less than 10% (Table 2.3). In Chapter 1, the
computed VGggs between different electrode configurations have a more than 10% differ-
ence in 9 out of 11 pig models (82%) in the septum, in 8 out of 11 (73%) in the LV free
wall, and in 7 out of 11 (64%) in the RV free wall. Considering that the myocardial VG
changes in the same direction for any electrode configuration when tissues change from
isotropic to anisotropic, the relative ranking of VGgq between different electrode configu-
rations in Chapter 1 is likely to be affected even less. This suggests that the rank correla-

tion results between the myocardial VGgo and DFTsq obtained in Chapter 1 will be

affected little.

With the fiber information, the VG components along and perpendicuiar to myo-
cardial fibers can also be extracted. Tung et al. [88] and Bardou et al. [6] have demon-
strated that the cell stimulation thresholds depend on the cells’ orientation with respect to
the electric field and were lowest when the direction of the electric field intensity was
aligned parallel to the long axis of the myocardial fibers, which is supported by in vivo
animal experiments [5][34]. However, further experimental research is required to know
how longitudinal and transverse VG components might be correlated with the DFT, which

may help to further understand the relation between the myocardial VG and defibrillation

efficacy.

Our approach has some limitations. First, the parameter R in Eq. (2.4) is uniform
throughout the myocardium in the present elastic geometric mapping procedure, which is

responsible for the irregularity of the RV endocardial surface seen in Figure 2.4. A possi-

ble remedy is to let R be locally adjustable based on d; in Eq. (2.4) so that the pig’s thin

RV free wall could be stretched to the scale of the dog’s RV free wall without much effect
on the mapping accuracy of the LV free wall. We used the fiber orientation data provided
by Nielsen et al. [54] during our mapping, so its accuracy is important to the validity of
our procedure. Their experimental procedure was based on the assumption that the myo-
cardial fibers are parallel to the epicardial surface so that their procedure of peeling off

layers of myocardium in the measurement was justified. In fact, myocardial fibers imbri-
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cate slowly from epicardium to endocardium by 3 — 5° [54][85], which may have contrib-
uted to the error in their data. Diffusion tensor MR imaging has shown promise in non-
invasively measuring fiber orientations [64] and might provide more accurate depiction of
the myocardial fiber field. The complexity of the myocardial fiber architecture also
involves myocardial sheets that are ignored in this study but may also provide an invalu-
able information on the effects of myocardial anisotropy [46]. However, further investiga-
tions are needed to reveal how the sheet information can be utilized in an FE model.
Finally, the unique fiber architecture of myocardium that differs from the skeletal muscle
fiber structure makes a bidomain FE model more suitable for modeling its electric proper-
ties [59], which could potentially provide more accurate information on the relation

between myocardial VG and DFT than the monodomain model.

V. Conclusions

We have presented a methodology to incorporate a generic myocardial fiber orien-
tation data into a model of an individual subject through elastic mapping based on the mul-
tiquadric spline. This elastic mapping procedure provides a viable approach to quickly
assess the magnitude of the effects of the complex myocardial fiber structure and myocar-
dial anisotropy. The underlying assumption of mapping is justified by the similarity of
fiber orientation pattern among mammalian species. Although other methods can also be
used for mapping, they often require sufficiently large number of landmarks to enforce
correspondence between two models. With our approach, the number of landmarks can be

drastically reduced by properly choosing the parameter R in the mapping procedure.

With the help of this mapping procedure, we have found that modeling the myo-
cardium as an isotropic tissue as done previously would lead to an underestimation of the
VGgy in the myocardium by less than 10% assuming that true myocardial anisotropy ratio
is 2. The significance of this error will depend on the problem. In the study of the rank cor-
relation between the myocardial VG and DFT for different electrode configurations, such

an error is unlikely to greatly affect the correlation results.
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TABLE 2.1. Tissue resistivities used in the FE models [25][72]

Tissues Resistivity (2-cm)
air 1000000
bone 16000
skin 1500
lung 1500
blood 154
muscle 700
fat 2180
myocardium ! 420
liver 673
stomach 800
esophagus 700
spleen 420

Note: 1. Only isotropic resistivity of myocardium is listed. For anisotropic resistivities, see Table 2.2.

TABLE 2.2. Anisotropic myocardial resistivities

Anisotropy ratio

Longitudinal resistivity (Q-cm)

Transverse resistivity (Q-cm)

1 420 420
2 297 594
5 188 939
10 133 1328
20 94 1878

TABLE 2.3. VGg from isotropy to anisotropy (absolute change (V/cm), (% change))

Tissu
sectiofl isotropy | anisotropy =2 | anisotropy =5 | anisotropy =10 | anisotropy = 20
LV free wall 3.22 3.50 (8.6%) 3.86 (19.8%) 4.10 27.3%) 4.33 (34.5%)
septum 523 5.24 (0.1%) 4.96 (-5.2%) 4.70 (-10.2%) 4.59 (-12.2%)
LV 3.50 3.78 (8.2%) 4.11 (17.5%) 4.28 (22.3%) 441 (26.0%)
RV free wall 3.60 3.94 (9.6%) 4.47 (24.1%) 4.84 (34.6%) 5.02 (39.6%)
LV &RV 3.53 3.82 (8.2%) 4.18 (18.4%) 4.37 (23.9%) 4.56 (29.3%)
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FIGURE 2.1. Defibrillation electrode configuration of left anterior chest patch / RV
catheter electrode.
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FIGURE 2.2. Landmark points chosen on the myocardial surfaces.
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FIGURE 2.3. A screen capture of the myocardial fiber mapping procedure. The pig’s
heart is on the left, while the dog’s heart is on the right.
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FIGURE 2.4. The dog’s myocardial surfaces and the pig;s myocardial surfaces mapped

to the dog’s coordinate space at cross-sections from base toward apex at X =-9.1, 0.9,

10.9, 20.9, and 30.9 mm, for (a) - (e), respectively, in the coordinate space of the dog
[54].
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FIGURE 2.5. The mapped myocardial fiber direction in the pig. (a) an anterior view of
the epicardial fiber directions, (b) an anterior view of the LV endocardial fiber
directions.
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FIGURE 2.6. Cross-wall fiber directions in the pig’s myocardium. (a) Across septum,

(b) across lateral LV free wall.
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FIGURE 2.7. Rate of mapped fiber direction change in the pig’s ventricles (unit:
°/mm ). (a) - (h) are slices 48, 39, 30, 21, 12, and 3mm, respectively, from the apex.
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FIGURE 2.8. Ratio of VG with anisotropy ratio = 20 to VG with isotropy in the pig’s
ventricles. (a) - (h) are slices 48, 39, 30, 21, 12, and 3mm, respectively, from the apex.
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FIGURE 2.11. Inverse cumulative VG histograms in the pig’s LV. VGg is found at the
tissue fraction of 80%.
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Chapter 3. The Geometric Effects on Resistivity Measurements with
Four-electrode Probes in Isotropic and Anisotropic Tissues

I. Introduction

Another factor that can significantly affect the estimated correlation between the
DFT and myocardial VG is the principal myocardial resistivities, which are currently
adopted from literature [25][72]. Myocardial VG has been shown to be affected most sig-
nificantly by myocardial resistivities [35], thus inaccurate myocardial resistivities can alter
the estimated correlation severely. In addition, resistivities are directly related to the com-
puter modeling of many other bioelectric problems where volume conduction problems
must be solved [48] and the measurement of many electrophysiological events [93]. Since
literature has demonstrated a significant variation among the measured muscle resistivity

values, it is vital to know what values can be used and why they can be used.

The probes used for measuring resistivities often consist of four equally-spaced
electrodes placed on the surface of a tissue. The two outer electrodes are commonly used
for current delivery and the two inner electrodes for voltage sensing. The sensing elec-
trodes are connected to an amplifier with a very high input impedance to prevent input cur-

rent flow, virtually eliminating polarization effects on the measurement.

The equations used to calculate the resistivities for the four-electrode measurement
have been derived [68]. For an isotropic medium, the apparent tissue resistivity is calcu-

lated by
p, = 2w -IES }If GB.D

where subscript e denotes the experimentally-measured or empirical value, IES is the

interelectrode spacing, V is the measured voltage between the inner two electrodes, and /
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is the total current between the outer two electrodes. For an anisotropic medium, the

empirical principal resistivities are (p7, > Pr,)

VL
Pr. = 2m-IES- 7 (3.2)
VA2V,
PL. = 2m-IES- —; (3.3)

where subscripts T (transverse) and L (longitudinal) denote the directions perpendicular
and parallel to the low-resistivity direction, which, in the case of skeletal muscle, is the

fiber direction. The empirical anisotropy ratio is

v 2
L

x, = pTe/pLe = v ) (3.4)
T

Only in the ideal situation where all the electrodes are infinitesimally small (point elec-

trodes) and the medium is semi-infinite [68], do p,, Pz, Ore» and ¢, equal the true values

P, P1: Pr. and C, respectively.

In contrast to the ideal situation, real tissue has a finite volume and real electrodes
are typically cylinder-shaped with a finite electrode diameter (ED) and electrode length
(EL), which causes the measurement results to deviate from the true values. Here ED and
EL refer to the part of the electrodes inside the tissue, as shown in Figure 3.1. Schwan [73]
suggested that the electrodes should be small enough to prevent them from disturbing the
electric field. In previously-reported measurements [16][17](27][69][81], however, the
geometry of the four-electrode probes and the volume of tissue samples were not fully
described or justified. It is thus unclear to what degree the accuracy of these measurements

were affected.
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There exists a large variation among the published anisotropy ratios of skeletal
muscle, ranging from 2.0 to 14.4 [16][17][21][27][69][99]. The four-electrode probe
geometry generally varies among experiments, and its effects have not been studied thor-
oughly. The in vivo measurements on skeletal muscle by Gielen er al. [27] showed that
electrode geometry can have a significant effect on the measured anisotropy ratio, which
was 2.0 for an IES of 0.5 mm, but increased to 6.0 for an [ES of 3 mm. The probe measur-
ing the ratio of 2.0 had IES = 0.5 mm, ED =0.1 mm, and possibly EL = 0.5 mm (unclear
in [27]). Because IES is only 5 times ED and is possibly equal to EL, it is not clear
whether such electrodes can be approximated as point electrodes meeting the ideal condi-
tions for Egs. (3.1) - (3.4). In this research, we systematically studied the effects of elec-
trode geometry and tissuc volume on four-electrode measurements, particularly with

regard to anisotropic tissues.

Throughout the paper, we use the term probe for the four-electrode array and elec-
trode for an individual electrode within the array. We use the term non-point-electrode
effect to refer to the difference between measurements made with point electrodes and
those made with non-point electrodes, and finite-tissue-size effect to refer to the difference

between measurements in a semi-infinite tissue and those in a finite-size tissue.

II. Methods

Our study consists of two parts: (1) computer simulations studying the effects of
electrode and tissue geometries on the apparent resistivities and anisotropy ratio and (2)
experimental measurements from real tissues for verification.

A. Finite element simulations

Although a solution can be analytically obtained for the ideal situation where
four infinitesimally small electrodes are placed on the surface of a semi-infinite tissue
[68], no analytic solution exists for the case where electrodes and tissue volume are both
of finite size. We therefore chose to perform simulations using the FE approach. The 3D

FE solver that we have developed allows us to solve large anisotropic volume
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conduction problems [11][35][36]. For a detailed description of the FE solver, see
Section II. B. of Chapter 1. The linear equations in the models are solved iteratively,
stopping when the RMS difference between the left- and right-hand sides normalized to

the RMS of the right-hand side is less than 0.03% [11].

The 3D model used in simulation is shown schematically in Figure 3.1. Four
equally-spaced electrodes are placed in the center of the top square surface of a
conducting volume, aligned parallel to one side of the medium. The electrodes penetrate
the top surface into the medium, and their length and diameter within the medium are EL
and ED, respectively. The voltages (V, V;, or V) predicted from the models and the
delivered current (1) were used in Egs. (3.1) - (3.4) to derive the apparent resistivities and
anisotropy ratio. For an anisotropic medium, the principal axes of py and pr were
aligned to the two sides of the volume. Our uniform meshing scheme creates cubical

elements for the FE model.

In view of the linearity of the governing Laplace equation, all geometric dimen-
sions were unitless and relative to the size of the finite elements. The tissue volume was
chosen as 128 x 128 x 100, where the tissue size (TS) is 128 and tissue depth (TD) is 100.
The ED of non-point-electrodes was taken to be 1, which is identical to the element size.
The resistivities were also taken as unitless. For isotropic tissues, the true resistivity (p)
was set to unity. For tissues with low anisotropy, the true resistivities were p, = 1 and p7=
2, with oo = 2. For highly anisotropic tissues, the true resistivities were chosen as py = 1

and pr = 10, with o = 10, which is typical for the literature results for muscle tissue

[16][17][21][27]1[691[99].

We began by simulating the electrodes as point electrodes (EL = ED = 0) and com-
paring the apparent resistivities and anisotropy ratios with the true values. This allows an
assessment of the finite-tissue-size effect. Next, we simulated non-point electrodes (ED =
1, EL > 0). The effects of non-zero ED and EL were assessed by comparing point-elec-

trode and non-point-electrode simulation results.
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B. In vitro resistivity measurements

To verify the prediction of the FE simulation, we performed an in vitro experiment
in which we measured resistivities of the skeletal muscle of a pig. We used four different
probes with dimensions listed in Table 3.1. The current-delivering electrodes were made
of platinum, and the voltage-sensing electrodes were made of silver/silver chloride. The
electrodes were fixed in a flat insulating plastic material that acted as a mechanical support

for the probes.

Resistivity measurements were taken at sixteen different locations on the tissue
sample for each probe. Measurements at each location consisted of longitudinal and trans-
verse voltages. The probe alignment with regard to the muscle fiber direction was deter-

mined by visual inspection.

A 45-msec current pulse (500 pA - 1 mA) was delivered using a voltage-controlled
current source and measurements were taken at the end of the pulse, so only the low-fre-
quency tissue impedance was measured, which reflects its real part, i.e., resistivity. Mea-

sured voltages were conditioned by an instrumentation op-amp that has a low noise level

of 0.3 uV,_,, an input impedance of 10° ©, a CMRR of 95 dB at 1kQ source imbalance,

p-p’
and a bandwidth of 2.5 MHz at gain of 10 (AD524B Precision Instrumentation Amplifier,

Analog Devices, Norwood, MA).

A farm pig weighing 30 kg was used in the experiment. Immediately after the pig
was euthanized, skeletal muscle samples were excised from the gluteus maximus muscle,
with a square cross section of approximately 10 cm x 10 cm and thickness of 7 cm. All the
measurements were completed within one hour of euthanasia, which has been shown not
to change the measured resistivities significantly [99]. During the measurements, the
lower half of the sample was immersed in saline, and the top surface was rinsed intermit-
tently with saline to prevent tissue drying but cleared of fluid during measurement to pre-

vent shunting between the electrodes.
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II1I. Results

A. Simulation results

A.l Resistivities

Figure 3.2(a) shows simulated p, in an isotropic tissue. For the point-electrode
probe, when IES is small, the derived resistivity (p,) from Eq. (3.1) is close to 1, the true
resistivity, p. As IES increases relative to the tissue size, p, increases as well. For the

point-electrode probe, this increasing deviation from the actual resistivity value due to

increasing IES reflects the finite-tissue-size effect.

The non-point-electrode effect, which is due to finite ED and EL, is seen in the
percentage difference between point-electrode and non-point-electrode measurements. In
order to isolate the non-point-electrode effect from the finite-tissue-size effect, we normal-

ized p, measured with the non-point-electrode probes by p, measured with the point-elec-

trode probe (Figure 3.2(a)), and we plotted the result in Figure 3.2(b). The use of non-

point electrodes reduces p, for small IES, but has little effect when [ES is large. For exam-

ple, when IES = 7, as the electrode increases from the point electrode to ED = | and EL =
1, 5 and 9, p, decreases by 2%, 23% and 40%, respectively. When IES = 39, it decreases

only by 1%, 2%, and 3%.

Figure 3.3(a) and Figure 3.3(b) show p,, (apparent longitudinal resistivity) and p,
(apparent transverse resistivity) in an anisotropic tissue with p; =1 and p7=2,i.e., x =2.
Due to the finite-tissue-size effect, p;, and P, measured by the point-electrode probe
increase as IES increases. To assess the non-point-electrode effect, we normalized p;, and
p7, measured with the non-point-electrode probes by those measured with the point-elec-
trode probe and multiplied them by the true values (p;, = 1, p7= 2), with the results shown
in Figure 3.3(c). The non-point-electrode effect reduces both p;, and p7,, but the effect is

more significant in the transverse direction. When IES = 7, probes with ED = 1 and EL =
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1, 5 and 9 reduce p;, by 3%, 13% and 28%, respectively, but reduce p, by 8%, 36% and
54%. As in the isotropic situation, the non-point-electrode effect is more pronounced

when IES is small than when IES is large.

Figure 3.4(a) and Figure 3.4(b) show p;, and py, in an anisotropic tissue with p; =
1 and p7 =10, i.e., a = 10. Due to the finite-tissue-size effect, the measured p;, and p,
increase as IES increases. Similar to Figure 3.3(c), p;. and p, measured with the non-

point-electrode probes were normalized using the values measured with the point-elec-

trode probe and multiplied by the true values (p; = 1, p7= 10), and the results are shown
in Figure 3.4(c). The non-point-electrode effect affects p;, and py, differently: when IES
=7, probes with ED = 1 and EL = 1, 5 and 9 raise p;, by 31%, 67% and 58%, respectively,
but reduce p7, by 22%, 62% and 75%.

A.2 Anisotropy ratios

The apparent anisotropy ratios (,) are calculated from Figure 3.3(c) and

Figure 3.4(c), and plotted in Figure 3.3(d) and Figure 3.4(d), respectively. Due to the

finite-tissue-size effect, &, measured with the point-electrode probe is close to o for small
IES, but o, decreases as IES increases. To isolate the non-point-electrode effect, we nor-
malized o, ’s from the non-point-electrode probes by those from the corresponding point-

electrode probes and multiplied them by the true anisotropy ratios of 2 and 10
(Figure 3.3(e) and Figure 3.4(e)). In both (low and high anisotropy) cases, the non-point-

electrode effect reduces @, but the effect is more pronounced for small IES than for large

IES. For example, when IES = 7 (Figure 3.4(e)), non-point-electrode probes with EL = I,
5 and 9 underestimate o by 41%, 77% and 84%, respectively. When IES = 39, non-point-
electrode probes with EL = 1, 5 and 9 underestimate & by 6%, 20% and 37%.

Figure 3.3(d) and Figure 3.4(d) also show that o, deviates more from a as o
increases. For example, when EL =ED =1 and IES = 11, ¢ /¢t is 94% for o = 2, but 61%

for oo = 10.



B. Experimental results

Experimental results using an in vitro muscle sampie of 10 cm x 10 cm x 7 cm are
shown in Figure 3.5 and Table 3.1. The four probes with different IES and EL exhibited

significant differences. The ¢, values measured by the probes with smaller IES/EL are

smaller than those measured by the probes with larger [ES/EL. As we discuss below, these

results agree qualitatively with the computer simulation results.

IV. Discussion

A. Finite-tissue-size effect

The finite-tissue-size effect on the resistivity measurement has been investigated
both in isotropic and anisotropic tissues. Suesserman and Spelman [86] conducted com-
puter simulations of a hollow spherical insulator filled with saline and a linear four-point-
electrode array located in its center. Their result demonstrated that the measured voltage,
and therefore the measured resistivity according to Eq. (3.1), increases with increasing
IES. Steendijk ez al. [81] solved analytically the case where a four-point-electrode probe is
placed on one side of an infinitely-extended layer of tissue with finite thickness. Their
solution showed that the larger the IES relative to the tissue thickness, the larger the devia-
tion of p, (or pz, and p;,) from the actual value. It also showed that the measured anisot-
ropy ratio o, decreases as the IES is increased, and the deviation is larger when the true
ratio ¢ is larger. These results agree with our simulation findings for the finite-tissue-size

effect.

That the finite-tissue-size effect increases the measured resistivities is to be
expected, since the current delivered by the probe only flows through a limited tissue vol-
ume as opposed to the ideal situation where the current flows through an infinite tissue
volume, and thus the apparent resistance seen by the probe is increased. This results in an
increase in the measured voltage for a constant current, and thus an increase in the appar-

ent resistivities.
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Because all sizes in our simulation are dimensionless, it is only the ratios of elec-
trode and tissue dimensions (IES to TS and IES to TD) that matter in the finite-tissue-size

effect.

B. Non-point-electrode effect

B.1 Analysis

The non-point-electrode effect has not been studied as extensively as the finite-tis-

sue-size effect. Our simulation shows that the non-point-electrode effect increases p;, and
lowers py, for medium with high anisotropy (o = 10), but lowers p;, and pz, for medium
with low anisotropy (o = 2). The change in pp, can be understood. When EL or ED

increases, the total medium resistance between the cumrent-delivering electrodes
decreases. Thus, the voltage drop between the constant-current-delivering electrodes

decreases, and so does V; and V; measured by the voltage-sensing electrodes. Therefore,
pr. decreases according to Eq. (3.2). The change in p,, is determined by which of V; and
Vr decreases faster in Eq. (3.3) as EL or ED increases, which appears to depend on the

medium anisotropy. How this dependence is precisely related to the interaction between
the finite-tissue-size and non-point-electrode effects is not yet known. Regardless of the

degree of medium anisotropy, the non-point-electrode effect always reduces c,.

Because of the relative sizes in our simulation, the non-point-electrode effect is
determined only by the ratios of electrode dimensions (IES to ED and IES to EL). Based

on the data in Figure 3.3(d) and Figure 3.4(d), o, obtained in the simulations was fitted to

the following equation:

= x (3.5)

" [1 + kl(i%'s-)z(a -1) +k2(1‘%[;-)2(a - 1)] : [1 + k3(I—TE-S§)2(a - 1)}

in which the first bracket in the denominator represents the non-point-electrode effect and

the second bracket represents the finite-tissue-size effect. A nonlinear regression (S-
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PLUS, StatSci, Seattle, WA) was performed on Eq. (3.5), yielding the following parame-
ters (meantSE): k; = 0.72+0.06, k, = 1.64+0.41, and k; = 7.1120.27 with an [1%

average residual error in o,. Since the non-point-electrode effect is often difficult to evalu-

ate in experiments, Eq. (3.5) can be used to estimate the possible error and to optimize EL,

ED, and IES in designing four-electrode arrays.

Caution should be taken when interpreting the simulation results for very small
IES. Due to the limitation of the FE models, we were not able to study the non-point-elec-
trode effect for very small IES. Most of the practical four-electrode probes, however, satis-

fies IES/ED > 5 and therefore the simulation results and Eq. (3.5) should be applicable.

These simulation results have an important implication. In many published tissue
resistivity studies, probes are often calibrated in saline to correct the experimental data
[27]. That the non-point-electrode effect may be different for p;, and py, suggests that
probe calibration in an isotropic medium may not correctly compensate for non-point-

electrode effects on measurements in anisotropic media.

B.2 Comparison of simulation with experimental results

Our in vitro experiment also exhibited the non-point-electrode effect. The muscle
tissue approximated a square cross section with TS = 10 cm and TD =7 c¢m, so the TS/TD
ratio is similar to that in the simulation. The probes with IES of 5 mm and 1 mm have [ES/
TS =0.05 and 0.01, corresponding to IES = 6.4 and 1.28 in Figure 3.1 - Figure 3.4, respec-
tively, suggesting that the finite-tissue-size effect is negligible for the 1-mm probes and
marginal for the 5-mm probes. Neglecting the finite-tissue-size effect, we compared the
experimental measurements with the simulation results using Figure 3.4(¢), in which o =

10, typical for the published muscle anisotropy ratios.

The geometric dimensions of the probes used in the experiments are marked as I,
0, I and IV on Figure 3.4(e) according to the ratios of IES/EL/ED in Table 3.1. Probes I
and II have EL/ED = 1.5 and do not fall on any of the curves in Figure 3.4(e), so they are
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placed on the nearest curve (EL/ED = 1). It can be seen that the non-point-electrode effect

lowers o, measured by probes I, I, Il and IV by 9%, 41%, 31% and 77%, respectively.

The probes affected from the least to the most are I, I, IT and IV, in agreement with the

ranking of the experimentally-measured a, from the highest to the lowest. According to

Figure 3.4(e) which assumes a true o of 10, the four probes should measure much higher
anisotropy ratios than the experimentally-measured values. Possible reasons for the dis-
crepancy include: (1) the true a in the in vitro experiment may be less than 10, and (2)
intermittent rinsing of the muscle tissue with saline during the experiments might have

reduced o,.

B.3 Comparison of simulation with literature results

Our simulation results suggest that the non-point-electrode effect might contribute
to the large variations in the anisotropy ratios reported in the literature. We compared our
simulation with the results by Gielen [27] and Rush [69] listed in Table 3.2. We ignored
the finite-tissue-size effect in view that their experiments were on live animals where tis-
sue size was likely much larger than [ES. The geometries of Gielen’s probes are marked as
G1 and G2 on Figure 3.4(e), which shows that if the true anisotropy ratio is 10, these
probes would measure an anisotropy ratio of 2.5 (G1) and 7 (G2). This approximately
agrees with the measured anisotropy ratios by Gielen in Table 3.2. The geometry of Rush’s
probe is marked as R1 on Figure 3.4(e), which is obviously less affected by the non-point-
electrode effect than Gielen’s probes. It is therefore reasonable that the anisotropy ratio

measured by Rush was higher (9.2).

V. Conclusions

Our FE simulation results strongly support the need for careful attention to geome-
try in the design of four-electrode probes used to measure tissue resistivities, particularly
in anisotropic tissues. Both the non-point-electrode and the finite-tissue-size effects can

affect the measured resistivity values and anisotropy ratios. Since the non-point-electrode
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effect is much less understood than the finite-tissue-size effect, this study concentrated

mainly on the former.

Our simulation shows that in an anisotropic tissue, the non-point-electrode effect
lowers the measured transverse resistivities but affects the measured longitudinal resistivi-
ties differently depending on the tissue anisotropy, and the finite-tissue-size effect
increases the measured resistivities. Both effects contribute to lowering the measured
anisotropy ratio. These effects are more marked for tissues with higher anisotropy ratios.
The simulation findings are supported by our experimental results. Since in vivo measure-
ments often involve relatively large tissue sizes, the non-point-electrode effect may affect
the measurements more severely than the finite-tissue-size effect. Eq. (3.5) can be used to

minimize the non-point-electrode effect in probe design.

TABLE 3.1. In vitro measurements of skeletal muscle resistivities in a pig (TS = 10
cm, TD = 7 cm). EL: electrode length, ED: electrode diameter, IES: interelectrode
spacing, TS: tissue size, TD: tissue depth.

Four-electrode probe geometry Mean resistivity (2-cm) || Anisotropy
Probe IES EL ED IES/EL/ED Pre PTe ratio o,
# (mm) (mm) | (mm)
I 5.0 0.3 0.2 2571571 464 1745 3.8
1 1.0 0.3 0.2 5/15/1 394 536 14
m 5.0 1.0 0.2 25/75/1 657 1186 1.8
v 1.0 1.0 0.2 5/5/1 215 234 [.1

TABLE 3.2. Measured anisotropy ratios of skeletal muscle vs. probe geometries from

literature
Four-electrode probe geometry Anisotropy
Probe # | Researcher | IES (mm) | EL (mm) | ED (mm) | IES/EL/ED ratio
Gl Gielen [27] 0.5 05! 0.1 515/1 2
G2 Gielen [27] 3.0 05! 0.1 30/5/ 1 6
R1 Rush [69] 50 0.52 023 2572571 9.2

Note: 1. EL = 0.5 mm is estimated from the statement that EL < 1.0 mm.
2. EL = 0.5 mm is estimated from the statement that the electrodes only touched the tissue surface.



3. ED = 0.2 mm is estimated from the statement that needle electrodes were used.

7
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FIGURE 3.1. A sketch of tissue resistivity measurements using four electrodes. The four-

electrode probe is placed on the surface and penetrates into the tissue. All dimensions are

relative to ED (ED = 1). [ES: interelectrode spacing, EL: electrode length inside the tissue,
ED: electrode diameter, TS: tissue size, TD: tissue depth.
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Chapter 4. A Finite Element Study of the Effects of Electrode Position on
the Genesis of Impedance Change in Impedance Cardiography

I. Introduction

Irnpedance cardiography (ICG) is a technique for measuring changes in the tho-
racic electric impedance that occurs with each heart beat [43]. The interest in ICG stems
from its potential for noninvasive measurement of cardiac hemodynamic functions,

namely stroke volume (SV) and cardiac output, and systolic time interval [33].

The ability of ICG to measure beat-by-beat SV is based on the plethysmographic
principle. Plethysmography is one of the oldest and most useful methods for flow mea-
surement, and has wide applications [96]. It assumes that the organ whose impedance is
being measured has a cylindrical shape, with blood vessel cylinders running inside and
parallel to the organ cylinder. When blood vessels change their diameter, the vessel vol-
ume change is linearly related to the impedance change measurable across the two ends of

the organ cylinder [26][93]:

2
Avol = _p-(zﬁ) AZ @4.1)
0

where p is the resistivity of the blood, L is the length of the cylinders, Zj is the baseline

impedance when the vessels are in the resting (diastolic) state, and Avol and AZ are the
changes in vessel volume and organ impedance, respectively. The negative sign signifies
that the increase of blood volume decreases impedance. Plethysmography has been
successfully applied to measure blood flow in fingers [55]. The principle can also be
applied in the detection of pulmonary edema by monitoring changes in fluid volume in

the chest [44]. To apply the plethysmographic principle to the thorax for the ICG
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measurement of cardiac output, the assumption is made that major vessels in the thorax
can be approximated as cylinders parallel to the long axis of the thorax, and that it is the
pulsatile flow in the major vessels that causes the observed pulsatile change in thoracic

impedance [26]. If the major vessels are the ascending and descending aorta, and the
measurement is taken between end-diastole and end-systole, Avol in Eq. (4.1) becomes

the stroke volume, SV.

Numerous studies have shown significant correlations (0.63 - 0.97) between the
SV measured with Eq. (4.1) and those using invasive clinical methods [33][39].
Although correlation results are encouraging, data on the absolute errors in SV measured
by the ICG method are scarce and no statistically significant conclusion can be drawn. In
general, the available studies have reported a huge variation in the errors [33]. Some
studies have also found that the method tends to fail in pathological conditions, such as
for patients with severe heart disease [33][43]. The inaccuracy of the cylinder model of
the thorax and the differences among subjects prompted Sramek et al. [80] and Bemstein
[10] to modify the thorax as a truncated cone and add a correction factor to
accommodate individual body habitus. However, experiments showed that the new
methods impfoved the results very little [33]. Overall, ICG has not achieved a broad
clinical acceptance due to conflicting results and a lack of understanding of the

electrophysiological causes underlying the thoracic impedance change.

The true structure of the thorax is highly complex, in contrast to the
plethysmographic assumptions underlying Eq. (4.1). The high degree of inhomogeneity
of tissues and the complexity of physiological events in the thorax all influence the
impedance change during a cardiac cycle. Four possible sources are considered to be the
majo_r contributors to the change in thoracic impedance from end-diastole to end-systole:
(1) the decrease in ventricular blood volume, (2) the increase in aortic volume, (3) the
decrease in lung resistivity due to increased blood perfusion, and (4) the decrease in
blood resistivity due to alignment of the erythrocytes in the arteries during systole [49].
The plethysmographic principle for Eq. (4.1) is only valid if blood volume change in the



85
aorta is more significant than the other factors combined.

The ICG’s conventional band-electrode configuration uses four band electrodes
encircling the thorax, with the outer pair of electrodes delivering a constant current and the
inner pair measuring the voltage (Figure 4.1(a)) [43]. The applied current has an ampli-
tude of 2.5 -4 mA and a frequency of 70 - 100 kHz. The impedance is measured by divid-
ing the measured voltage by the applied current, and typically changes by 0.25 Q2 over a
cardiac cycle. Using FE and finite difference models, Kim et al. [38] and Wang and
Patterson [91] have shown that all four sources contribute to the ICG signal with compara-
ble strength. The models used by Kim et al. were based on an anatomical atlas, while
those used by Wang and Patterson were based on gated sequences of MR images of a
human thorax. Both authors concluded that the ICG signal is a mixed representations of

the four factors, in which none dominates the rest.

The advent of spot electrodes, introduced to improve the ease of electrode place-
ment and comfort level for patients, opened up new possibilities for ICG (Figure 4.1(b))
[571[58](98]. Qu et al. found that spot electrodes provide a better signal-to-noise ratio
(SNR) than the band electrodes. This is because (1) ICG signal varies with electrode loca-
tion, and (2) spot electrodes can be placed where motion artifact is minimum [61], so it is
possible to optimize spot electrode location for best SNR, while band electrodes are lim-
ited in the choice of locations [1][61]. Adamicza et al. demonstrated on dogs that the
impedance-based SV measurement with spot electrodes on the anterior chest wall was sig-
nificantly different from that measured with band electrodes [1]. Woltjer et al. found that
the baseline impedance measured with spot electrodes positioned laterally was signifi-
cantly higher than that measured with band electrodes at the same level, causing the mea-
sured SV to be smaller than that measured with band electrodes {95]. Moreover, Patterson
et al. showed that measurement taken between the xiphisternal joint and a point 10 cm
below the suprasternal notch yielded an impedance change opposite to what would be
measured by the band electrodes, a phenomenon that is not understood [57]. These find-

ings all point to the complex, inhomogeneous nature of the thorax. That the impedance
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and its changes measured by spot electrodes vary with electrode position even at the same
level suggests that electrode position relative to the sources of impedance change is also

important, and the effect needs to be studied in detail.

We hypothesized that a simulation of the effects of electrode location might pro-
vide an insight into how different sources contribute to the impedance change in ICG, and
could also provide information about how spot electrodes can be used more effectively. If
one source can be separated from the others by optimizing electrode position, a more
physiologically meaningful measurement can be made. Therefore, this study investigated
the following issues: (1) how the aforementioned sources affect the impedance change
measured at different locations by spot electrodes, and (2) consequently how spot elec-
trodes can be more effectively used. The FE method based on realistic human thorax mod-

els was used in the study.

II. Methods

A. Models of human thorax

The procedure in constructing the diastolic and systolic thorax models is schemati-

cally shown in Figure 4.2.

Images of a healthy male subject (age 32, 145 pound) were used for model con-
struction. First, a non-gated T1-weighted MRI scan (GE Signa Horizon 5.7, 1.5 Tesla) was
obtained, covering the region from neck to lower abdomen with contiguous 6-mm slices
(Figure 4.2 (a)). Next, a 6-mm cine scan, gated with the R wave in the ECG, was per-
formed covering the whole extent of the heart with 60 mm fringe at the top and 18 mm at
the bottom. For each cross-section of the heart in the cine scan, 16 slices were taken at 46-
ms intervals, spanning the entire cardiac cycle for the subject whose heart rate was 81.

Respiratory compensation was applied. The imaging voxel size was 1.25x1.25x6.0 mm.

After scanning, the cine MR images of the heart were played back, and the end-

diastolic and end-systolic phases were determined visually. Two end-diastolic and end-
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systolic MR scans of the heart at the same level and their respective classified images are
shown in Figure 4.3. The images at the two phases were then used to replace the same tho-
racic portion in the static scan of the whole thorax to form two sets of thoracic images at
end-diastole and end-systole, respectively, each having 42 images (Figure 4.2 (b)). These
digitized MR images were segmented into 30 tissue types using an X-window based semi-
automated tissue segmentation tool developed in our lab [76]. The two sets of segmented
images, when stacked in order, form the 3D end-diastolic and end-systolic thoracic models
of the scan subject (Figure 4.2 (c)). Although vessels change their dimension between the
two phases, only major vessels close to the heart change the most and contribute to the
impedance change much more significantly than peripheral vessels. The 60-mm fringe at
the top of the heart in the cine scan is sufficient to capture the changes in aortic dimen-

sions.

Since classification requires some manual editing, random classification errors
exist in the classified images. In addition, respiration has been shown to have an effect 3-6
times as much as the impedance change measured by ICG [15]. Even though respiratory
compensation was used, small artifacts due to respiration still exist on the MR images.
Thus the background tissues surrounding blood vessels and myocardium may differ
between the end-diastolic and end-systolic models, which can introduce random errors
into the results. To minimize these errors, we extracted the background thoracic model
from the end-systolic model by replacing the blood and myocardium with fat, and
extracted the two blood and myocardium foregrounds from the end-diastolic and end-sys-
tolic models (Figure 4.2 (d)). The final modified end-diastolic and end-systolic thoracic
models were formed by “merging” the two foregrounds with the background model -
replacing the background with the foreground voxels where the foreground is blood or
myocardium, so that the two models have the same background (Figure 4.2 (e)). Such
modification does not distort the realistic nature of i:he models while reducing random

errors. FE analyses were then performed on these two modified 3D thorax models.
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B. FE method

We refer the readers to Chapter 1, Section II B for details on the adaptive FE

solver.

For the 3D realistic human thorax models, each voxel has a size of 1.25x1.25x6.0
mm, an aspect ratio of 1:1:4.8. In order to improve the element aspect ratio, images were
down-sampled from 256x256 to 128x128, making the aspect ratio 1:1:2.4. Generic tissue
specific resistivities taken from the literature [25][72] were used in the FE models
(Table 4.1, except for the systolic resistivities of aortic blood and lungs, see below). The
band electrodes encircling the thorax for current delivery were placed at the two distal
ends of the models (Figure 4.4). A constant-current boundary condition (/ = 1 mA) was
applied between this pair of electrodes. Voltages relative to the bottom current-delivery
electrode were calculated over the skin surface, just as if using a spot electrode. To see
how the four sources affect the measured thoracic impedance, the change in the skin volt-
age from end-diastole to end-systole (i.e., AV = Vi, .ore - Vaiastole) Was then calculated. By
definition, the change in impedance between the voltage-sensing spot and the bottom cur-
rent electrode from end-diastole to end-systole is AZ = AV/I = Z, 010 - Zgiasiole- The aver-
age impedance change on the skin surface over a cross-section is approximately what
would be measured by a band electrode encircling the same cross-section. The thorax
models in this study do not include the arms, so the band electrodes can be placed at any
level of the thorax. In addition to mapping AZ over the skin surface, ICG measurements
with some practically-useful band- or spot-electrode configurations were also simulated

and analyzed in a similar way.

The algorithm was run on a Pentium-II PC (233 MHz, Linux OS) containing 128
Mbytes of main memory. Each thorax model, which on average has 240,000 elements and
280,000 nodes, was solved in 7 minutes. This allowed a thorough parametric study of the
relative contributions from different sources, as well as the effects of the electrode posi-

tion.
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C. Sources of impedance change in ICG

The effects of the four sources were studied in two ways: (1) by observing each
factor while keeping the others unchanged, and (2) by observing a combination of differ-

ent factors that occur simultaneously.

The effect of ventricular contraction alone on impedance change was studied by
keeping the myocardium and the blood within the heart chambers while replacing all the

blood outside the heart with fat, which in most cases constitutes the background for blood

vessels.

The effect of the expansion of major vessels (aorta in particular) in the thorax was
studied in a similar way by generating models in which the myocardium and the blood

within the heart were replaced by fat, while the blood in the remainder of the vessels was

preserved.

In order to examine the accuracy of the plethysmographic principle for ICG, which
assumes that the impedance change is caused by the change in vascular structure, the com-

bined effect of ventricular contraction and major-vessel expansion was also simulated.

The lung resistivity changes between end-diastole and end-systole due to the
increase of blood volume in the lungs following contraction of the RV. This causes a sys-

tolic drop in lung resistivity. Given the resistivity of lungs (p;) at end-diastole, the resistiv-

ity of blood (p;), and the fractional increase of blood volume in lungs (v), Fricke’s method

was used to calculate the effective systolic lung resistivity p,' by solving the following

equation [24]:

.p_’_1 &—1

p P

p’ =p” ‘v 4.2)
L S )
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With the two lung resistivities obtained, the end-diastolic and end-systolic thorax models

were compared to estimate the effect of lung resistivity change.

The blood resistivity has also been shown to change with the blood flow velocity.
This is caused by change in the orientation of the poorly-conductive erythrocytes in the
highly-conductive blood plasma (“orientation effect”). This effect is particularly signifi-
cant in the ascending and descending aorta where blood is ejected quickly from the ventri-
cles. Visser quantitatively estimated the orientation effect on the blood conductivity
through rigid circular tubes [89], and found that (1) the changes in blood conductivity are
independent of the flow direction, and (2) the orientation effect generally increases the
blood conductivity, or reduces the blood resistivity, by about 10%, and by up to 20% at
maximum flow velocities. A 10% decrease in the blood resistivity in aorta (including
ascending and descending aortas and the arch), carotid arteries, and superior and inferior
vena cava was assumed in this study from end-diastole to end-systole, and the resulting

impedance change was calculated.

Finally, all the four factors were brought into effect simultaneously and the total
impedance change between end-diastole and end-systole was calculated. The effect of
each individual source discussed above was then compared to the combined effect to

examine the relative significance of each factor.

In each case, the electrode location was varied over the skin surface to see how it
affects the contribution of each source. Some practical band- and spot-electrode configura-
tions were also compared to observe how sources interact with each other and where some

sources have their largest effect.

ITI. Results

The blood volume change in both ventricles is evident in the classified end-dias-
tolic and end-systolic images. Although the volume changes in LV and RV should be the

same and equal to SV, there is a small difference due to image classification error. There-
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fore, SV was measured as the average of the volume change in both ventricles. Measure-
ment based on counting voxels in the 3D models gives a volume total decrease of 126 ml
in both ventricles from end-diastole to end-systole. The SV and thus the volume of blood
perfused to lungs were 63 ml. The blood volume increase in the major vessels in the thorax
was measured to be 51 ml, while the other 12 ml of blood should have gone to the coro-

nary arteries. The results are shown in Table 4.2, all in the range for a normal person [9].

The change in resistivities for aortic blood and lungs is listed in Table 4.1. The
blood resistivity change simply reflects the 10% decrease from end-diastole to end-systole
(see Methods). The lung resistivity at end-systole is calculated using Eq. (4.2). With the
blood volume perfused into lungs of 63 ml (Table 4.2) and the total lung volume measured

from the images of 2700 ml, v = % = 0.023. This results in a systolic lung resistivity

of 1424 €-cm, a 5% decrease from its diastolic value.

Figure 4.5 shows AZ due to ventricular contraction, major-vessel expansion, and
the two effects combined. These two effects represent the structural changes due to blood
ejection between end-diastole and end-systole, allowing us to examine the validity of the
plethysmographic assumptions for ICG. Figure 4.6 shows AZ for the effects of blood and
lung resistivity changes, and the combined effect of the four sources altogether. In both
figures, AZ is plotted at some evenly-spaced cross sections from top to bottom of the tho-
rax. The marked cross-sectional levels correspond to the dash lines in Figure 4.4. At each
level, the plot from left to right corresponds to circling the circumference in the order of
left lateral, back, right lateral, heart, and left lateral. The numbers in the parentheses next
to the levels indicate the circumferential length at each cross-sectional level. Since the
lengths differ among different levels, each plot is stretched linearly to the same size for
comparison. As a result, the horizontal axes in Figure 4.5 and Figure 4.6 do not have the
same metric units. The point which is approximately 3/4 along the horizontal axes corre-
sponds to the position on the anterior thoracic surface nearest the heart (“Heart” locations

in Figure 4.5 and Figure 4.6).
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In Figure 4.5, spot-electrode measurements close to the heart often give larger AZ
than what would be measured elsewhere on curves “V” and “V+M”, and they are also
larger than the average values measured by band electrodes. This nonuniformity is seen as
the bumps at the heart location on the curve “V” (ventricular contraction), and coincide
with the bumps seen on the curve “V+M” (ventricular contraction and major-vessel expan-
sion combined), while the curve “M” (major-vessel expansion) appears flatter. These sug-
gest that it is mainly the heart that causes the nonuniform AZ. Table 4.3 lists the AZ values
measured by a spot electrode at the heart location and by a band electrode at each level
seen in Figure 4.5. In Figure 4.6, the bumps are still seen on the curve “V+M+B+L" for all
four factors combined. The curves “B” (blood resistivity change) and “L” (lung resistivity
change), however, appear much flatter, indicating a greater uniformity in their contribution
to the measured AZ at the circumference of a cross-section. The measured AZ values in

Figure 4.6 by a spot electrode at the heart and by a band electrode are listed in Table 4.4.

To further understand how differently the four sources affect AZ measured by prac-
tical ICG devices using spot- or band-electrode configuration, the whole thorax was
divided into three regions from top to bottom of the thoracic trunk: neck, upper thorax, and
lower thorax (Figure 4.4). The three regions are shown in Figure 4.5 and Figure 4.6 as lev-
els 4-19 (neck), levels 19-34 (upper thorax), and levels 34-39 (lower thorax). The imped-
ance change was measured between (1) two band electrodes at levels 4 and 39 to measure
the entire thorax, (2) two anterior spot electrodes at the heart locations at levels 4 and 39 to
measure the entire thorax, (3) two anterior spot electrodes at the heart at levels 4 and 19 to
measure only the neck, (4) two anterior spot electrodes at the heart at levels 19 and 34 to
measure the upper thorax containing the heart, and (5) two anterior spot electrodes at the
heart at levels 34 and 39 to measure the lower thorax. The measured AZs, as shown in
Figure 4.7, were calculated from Figure 4.5 and Figure 4.6, and demonstrate the effects on
the five different electrode configurations of not only each individual source, but also their

combinations - sources that occur simultaneously.
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Figure 4.7 shows that when an electrode configuration covers the heart (electrodes
1, 2, 4), ventricular contraction is the only significant factor to increase the thoracic
impedance in systole, while the other three factors all contribute to a decrease or little
change in impedance. If only the structural effects of ventricular contraction and major-
vessel expansion were present (“V+M?”), ventricular contraction would dominate and the
combined effect would be to increase the whole thorax impedance at systole by 0.11 Q
measured with band electrodes (“1”’) and 0.35 Q measured with spot electrodes (“2”), and
to increase the upper thorax impedance by 1.33 Q measured with spot electrodes (“4”).
However, when accounting for all four factors simultaneously (“V+M+B+L"), the net
effect is to decrease the impedance of the whole thorax by 0.55 Q with band electrodes
(“1”) and 0.38 Q with spot electrodes (“27), but to increase the impedance of the upper
thorax by 1.19 Q with spot electrodes (“4”). This spatial heterogeneity in impedance

change demonstrates the dominance of ventricular contraction in the upper thorax.

It should be pointed out that because of the way the individual and combined
effects are defined in this study, these effects are not additive, e.g., the effects from each

individual source do not algebraically add up to the combined effect of the four sources.

I'V. Discussion

A. Ventricular contraction

The results show that among the four sources of impedance change, ventricular
contraction is the only factor that tends to increase impedance, and is generally the most
influential factor. This agrees qualitatively with the findings by Kim et al. [38] and Wang
and Patterson [91]. That ventricular contraction tends to increase the thoracic impedance
is easily understood. Following ventricular contraction, the volume of the highly
conductive blood in the ventricles is quickly reduced. As rest of the tissues, including
myocardium, have a much lower conductivity, drop in the ventricular blood volume
significantly increases the impedance. This effect, however, makes a nonuniform

contribution to the measured AZ on the circumference at each cross-section level. This is
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most obvious on the curves “V” and “V+M” in Figure4.5 and “V+M+B+L” in
Figure 4.6, in which bumps are easily seen at the skin locations near the heart. The fact
that the heart is closer to the anterior than the posterior chest wall also explains why only
one bump exists on each plot. Such signal nonuniformity has been observed frequently in
experiments. Qu et al. found on human subjects that the measured AZ peaked at the
fourth rib when the spot electrode was moved from neck down to the xiphisternal joint
and also peaked at the sternum when moved from left to right lateral sides [61]. It should
be pointed out that in addition to the ventricular blood volume change, ventricular
contraction as defined here also includes heart movement between end-diastole and end-

systole.

Because of its large impact near the heart when using spot electrodes to measure
AZ in the upper thorax while all four factors occur simultaneously (“V+M+B+L" for spot
electrodes “4” in Figure 4.7), ventricular contraction dominates the opposite effects of
major-vessel expansion and blood- and lung-resistivity decrease combined, increasing
the impedance by 1.19 €. This impedance change is 82% of the impedance change that
would be measured by the spot electrodes in the upper thorax (1.45 £2) supposing that
ventricular contraction were the sole contributing factor (“V” for spot electrodes “4” in
Figure 4.7). This result is well supported by the experimental findings by Patterson et al.,
who observed that impedance increased when measured between the xiphisternal joint
and a point 10 cm below the suprasternal notch, opposite to the measurement elsewhere
on the thorax [57]. In fact, this thoracic segment in their work overlaps the “upper
thorax” in our study. The result shows that it is possible to place a surface electrode on

the skin proximal to the heart to reflect the contribution from ventricular contraction.
B. Major-vessel expansion

That major-vessel expansion causes a decrease in impedance agrees with the
results reported by Kim er al. [38] and Wang and Patterson [91]. As blood is highly

conductive, an increase in its volume is expected to decrease the observed impedance.
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Compared to ventricular contraction, major-vessel expansion has a more uniform
effect on the curves in Figure 4.5 and Figure 4.6. This appears to agree with the assumed
plethysmographic model of ICG in which blood vessels are approximated as cylinders
within the thoracic cylinder [26][93]. Such model results in an isopotential surface
perpendicular to the long axis of the cylinders, i.c., the same potential, and thus the same
impedance, would be measured anywhere on a cross section of the thoracic cylinder.
When the vessel diameter increases uniformly at all cross sections due to a blood volume
increase, which is mostly the case for the ascending and descending aortas during blood
ejection, similar impedance change would result when measured anywhere on a cross

section.

We used the impedance change due only to major-vessel expansion to estimate
the blood volume increase in the major vessels with Eq. (4.1). Assuming that the band

electrodes are placed at levels 4 and 34, i.e., from lower neck to the xiphoid level, we

have p = 154(Q-cm), L = 18(cm) , and from model calculation Z, = 34(£2) and

AZ = 0.96(Q) . Eq. (4.1) thus yields Avol = 41.4(ml), reasonably close to SV = 51
ml in Table 4.2. This demonstrates that the ICG’s plethysmographic assumptions and Eq.
(4.1) would approximately be valid if the major thoracic vessels (predominately
ascending and descending aortas and superior and inferior vena cava) was the only factor

for impedance change.

This result implies that if spot electrodes are placed in such a way that aortic
expansion becomes a major factor in measured impedance change, better estimates of
SV can be obtained. In fact, Balestra er al. found that placing the electrodes in the
esophagus provides a better correlation and a much smaller difference between the SV
calculated with Eq. (4.1) and that obtained with the dye-dilution method, because
internal esophageal electrodes are much closer to the aorta and the effect of ventricular
contraction is negligible [4]. However, esophageal electrodes are not favored in practice

because of their invasiveness.
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C. Thoracic structural change and the plethysmographic assumptions for ICG

Plethysmography is solely based on the structural change as a result of blood
volume change [261[931[96]. In the case of ICG, this structural change always consists of
simultaneous volume change in the ventricles and major vessels. It is obvious that
ventricular contraction has a larger effect than major-vessel expansion so that the
combined effect on the measurement by band electrodes would still increase the thoracic
impedance by 0.11 Q (“V+M” vs. “V” and “M” for band electrodes “1” in Figure 4.7).
This dominance is understandable because the ventricular blood volume decrease
between diastole and systole comes from both ventricles, while a major part of the blood
from the right ventricle enters lungs and thus does not contribute to major vessel
expansion. So the net effect of the total structural change does not reflect the SV due to

major vessel expansion.

Ventricular contraction also causes nonuniformity in the measured impedance in
different segments of the thorax. If the plethysmographic principle held, impedance
changes along the thoracic trunk would also be uniform, while in fact the impedance
change in the upper thorax and those in the neck and lower thorax have opposite signs
(“V+M” for spot electrodes “3” vs. “4” and “5” in Figure 4.7). The dominance of
ventricular contraction over major-vessel expansion in the combined structural change
casts doubts on the validity of the plethysmographic assumptions for ICG, and suggests
that achieving a good accuracy in the estimation of SV with Eq. (4.1) using band

electrodes is not likely.

D. Lung and blood resistivity change

That the resistivity decrease for blood and lungs at systole also decreases the
thoracic impedance is understandable, because blood has the highest conductivity while
lungs have the largest tissue volume in the thorax, so both factors have large impact on
the measured impedance. These effects on the impedance measured over skin surface are

more uniform than the ventricular-contraction effect (Figure 4.6). This is likely due to
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the facts that (1) major thoracic vessels run in parallel with the thoracic trunk, and (2)

lungs account for a large thoracic volume.

As the structural change in the thorax slightly increases impedance, it seems that
the resistivity change of blood and lungs has a major contribution in reducing the
measured impedance (“V+M” vs. “V+M+B+L” for electrodes “1” and “2” in
Figure 4.7). This agrees with what Wang and Patterson found: even though volume
changes in the ventricles and aortic vessels have large effects, their cancellation causes
their net effect to be much smaller than the contributions from the resistivity change of
blood and lungs [91]. Visser et al. also found via experiments that the contribution from
the blood resistivity variations had a comparable magnitude to that from the volume

change in thoracic vessels [90].
E. Combination of the four effects

The combined effect of the four sources is shown in Figure 4.6 and Figure 4.7.
The bumps on the curve “V+M+B+L” coincide with those on the curve “V+M”
(Figure 4.6), still indicating the dominance of the ventricular-contraction effect near the

heart.

Ventricular contraction, the only factor that tends to increase the thoracic
impedance at end-systole, has its most dominant effect in the upper thorax, where 82%
of the total measured impedance change reflects its contribution. Therefore, it is possible-
to separate the effect of ventricular contraction from the other three factors by measuring
at the upper thorax with spot electrodes. Even though ventricular contraction also
contains the SV information, the relation between the impedance change as a result of it
and SV is not known quantitatively. In contrast, when placed in the neck area, spot
electrodes give more accurate information about the contributions from the other three
factors. When band electrodes or spot electrodes are placed between lower neck and
xiphoid to measure impedance change as is commonly done, a mixture of all the four

factors results that have comparable magnitudes and are thus inseparable. In any case,
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the applicability of Eq. (4.1) to the direct estimation of SV is doubtful.

On the other hand, correlation between measured impedance change and SV has
been repeatedly documented in experiments and clinical trials. The correlation is
conceivable in view that all the four factors are the direct results of ventricular blood
ejection from end-diastole to end-systole. Possible ways to apply the correlation rather
than to directly apply Eq. (4.1) in the estimation of SV include calibrating an ICG device
with an invasive SV measurement or simply measuring the relative change in impedance
to reflect the relative change in SV. When this is performed on the same patient, robust
results can be obtained, which is in fact used clinically. Since the spot electrode
measurement at upper thorax mostly reflects the contribution of ventricular contraction,
using spot electrodes to measure upper thoracic impedance change may provide an even

more accurate estimation of SV.

Finally, the extremely small impedance change measured in lower thorax (spot
electrodes “5” in Figure 4.7) deserve some explanation: (1) the transmission of the
pulsatile blood flow in the descending aorta lags significantly behind that in the
ascending aorta, and at the instant of end-systole there is not enough blood reaching the
lower thorax [45], and (2) the baseline impedance (or the vertical length) of this section

is small (see Eq. (4.1)).

In this study, we visually inspected the acquired MR images and chose two
distinct instants, end-diastole and end-systole, to build the thorax models and investigate
the impedance change in between. Since the peak in aortic blood flow in the descending
aorta is significantly behind that in the ascending aorta [45], a more systematic study
should include the analysis at several instants during the cardiac cycle so that the time
course of thoracic impedance change can be assessed, which may provide us with more

insight into the impedance change in ICG.
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V. Conclusions

In contrast to previous studies, this study has focused on how the geometric
location of electrodes affects the contributions from different sources to the measured
thoracic impedance change, which provides a better picture of the origin of the ICG.
Major vessel expansion and change in resistivities of blood and lungs all contribute to a
fairly uniform decrease of thoracic impedance measured at the skin surface, while
ventricular contraction tends to increase the impedance nonuniformly, affecting the
measurements most when electrodes are near the heart. As a result, the spot-electrode
measurements vary with electrode location. The nonuniformity can also cause opposite

impedance changes in different thoracic segments.

The results of this study have important implications. They suggest that ICG’s
plethysmographic assumption that approximates the thorax as a tissue cylinder with major
vessels embedded in parallel is invalid and Eq. (4.1) is not applicable. Common band-elec-
trode measurements represent a mixed effect of the four sources with different signs and
comparable magnitudes. Spot-electrode configurations can separate the ventricular-con-
traction effect from the rest by placing the electrodes on anterior chest wall near the heart,
in which case impedance increases at systole, to allow a better detection of ventricular vol-
ume change than with band-electrode configuration. Although in this case Eq. (4.1) is not
applicable to directly measure the SV, a relative change in the measured impedance can
still reflect a relative change in SV. With proper patient-specific and invasive calibration,

measured impedance change might be used to estimate SV.
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TABLE 4.1. Tissue resistivities used in the FE models [25][72]

Tissue type Resistivity ($2-cm)
blood (peripheral) 154
blood (aortic, end-diastole) 154
blood (aortic, end-systole) 138
bone 16000
esophagus 700
fat 2180
liver 673
lungs (end-diastole) 1500
lungs (end-systole) 1424
muscle 700
myocardium 420
spleen 420
skin 1500
stomach 800

TABLE 4.2. Blood volume change from end-diastole to end-systole in the ventricles

and lungs
Organs Stroke Volume (ml)
SVinLV & RV 126
Blood volume increase in aorta 51
Blood perfusion in lungs 63
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TABLE 4.3. AZ from Figure 4.5 for the spot- and band-electrode measurements (unit: L)

Ventricular contraction (V) | Major vessel expansion (M) | Structurai change (V+M)

Level || spot (heart) band spot (heart) band spot (heart) band
4 0.74 0.66 -0.89 -0.69 -0.03 0.11

9 0.86 0.66 -0.81 -0.62 0.27 0.17
14 0.99 0.65 -0.60 -0.51 0.70 0.27
19 1.06 0.61 -0.53 -0.39 0.91 0.34
24 0.72 051 -0.31 -0.26 0.69 0.32
29 0.49 0.34 -0.02 -0.15 0.38 024
34 -0.39 0.14 0.07 -0.06 -0.42 0.09
39 -0.37 0.00 0.05 0.00 -0.38 0.00

TABLE 4.4. AZ from Figure 4.6 for the spot- and band-electrode measurements (unit: £2)

Blood resistivity change (B) | Lung resistivity change (L) | Total combined (V+M+B+L)
Level || spot (heart) band spot (heart) band spot (heart) band
4 -0.82 -0.58 -0.68 -0.62 -0.77 -0.55
9 -0.58 -0.48 -0.61 -0.57 -0.30 -0.40
14 -0.10 -0.34 -0.44 -0.49 0.38 -0.19
19 0.16 -0.23 -0.31 -0.40 0.71 -0.02
24 0.24 -0.14 -0.20 -0.29 0.57 0.07
29 0.19 -0.07 -0.09 -0.18 0.30 0.09
34 0.14 -0.03 -0.02 -0.07 -0.48 0.03
39 0.05 0.00 0.01 0.00 -0.39 0.00
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(a) band electrodes (b) spot electrodes

FIGURE 4.1. Schematic diagram of common ICG electrode configuration. The shaded
area represents the heart. (a) Band-clectrode configuration, in which the outer pair
deliver a constant current while the inner pair measure the voltage. (b) Spot-electrode
configuration, similar to the band-electrode configuration except that the current-
delivering bands are replaced with posterior spot electrodes (dash-line circles) and the
voltage-sensing bands are replaced with anterior spot electrodes (solid-line circles).
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FIGURE 4.2. Procedural steps in creating the diastolic and systolic thorax models.
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(@) (b)

FIGURE 4.3. Example MRI scans and classified images of the subject’s heart at end-
diastole and end-systole. (a) and (c): MR and classified images at end-diastole; (b) and
(d): MR and classified images at end-systole.
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Neck

Upper
thorax

Lower
thorax

FIGURE 4.4. Schematic diagram of the ICG electrode configurations investigated in
this study. The shaded area represents the heart. The outmost dark bands are current-
delivering electrodes. The four dash lines in between indicate the division of thorax into
neck, upper thorax, and lower thorax from top to bottom. The numbers by the bars and
lines correspond to the levels in Figure 4.5 and Figure 4.6: lower neck (4), heart top
(19), heart bottom or xiphoid (34), and upper abdomen (39).
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FIGURE 4.5. Simulated measurements of impedance change from end-diastole to end-
systole (AZ = AZyiole - AZgjastole) a5 a result of ventricular contraction and major-
vessel expansion at eight thoracic levels. The impedance is between a position on the
skin surface and the bottom current-delivery band electrode.
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V+M (combined sinciural chenge)
B (biood resistivity change)
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FIGURE 4.6. Simulated measurements of impedance change from end-diastole to end-
systole (AZ = AZ o1 - DZgjastole) 2s a result of the blood and lung resistivity changes,
and all the factors combined. Curve “V+M?” is from Figure 4.5. The impedance is
between a position on the skin surface and the bottom current-delivery band electrode.
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V (ventricular contraction)

M (major vessel expansion)

B (blood resistivity change)

L (lung resistivity change)

V+M (combined structural change)
V+M+B+L (four factors combined)

2L 1 2 3 4 5
band spot spot spot spot
for thorax for thorax for neck for upperthorax for lower thorax

-3

FIGURE 4.7. Simulated measurements of impedance change using five practical band-
and spot-electrode configurations covering either one of the whole thorax, neck, upper
thorax, and lower thorax. The spot electrodes are also at the anterior heart location
horizontally. It shows not only the effect of each individual source, but also the
combined effects of structural change in both ventricular and vessel volumes and the
combined effects of the four sources occurring simultaneously.
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