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Abstract. Objective: Continuous volume estimation in Ventricular Assist Device (VAD) therapy would 

be an advantageous measure for identifying suitable pump settings and providing an individual therapy 

for patients suffering from heart failure. As the integration of electrodes on a catheter-based VAD could 

easily be realized, estimating the volume from bioimpedance measurement appears suitable. However,  

a major shortcoming of the established methods is the lack of considering changes in conductivity caused 

by flowing blood. 

Approach: In this study, we analyzed the effect of flow-dependent conductivity of blood with a 4D finite 

element model. Therefore, we developed a simplified model of  the heart and the aorta, which models 

not only the anatomical volume changes and the dielectric properties of tissue, but also the flow-

dependent conductivity of blood. The resulting impedance was simulated and analyzed using two 

electrode configurations in the left ventricle and one electrode configuration in the aorta. 

Main results: Flow-dependent conductivity has a great influence on the measurement signal, especially 

in regions with high local blood velocities. During systole, the maximum differences to simulations with 

fixed conductivity were up to 26.8 % in the upper part of the left ventricle, whereas the maximum 

deviation decreased significantly when the impedance was obtained in the  lower  part  of  the  ventricle  

(4.78 %). Furthermore, flow-induced conductivity changes within the aorta led to an admittance increase 

up to 58.39 %. 

Significance: We believe that our results contribute to a better understanding of the underlying sources 

of cardiac impedance signals. For future applications, we propose to measure cardiac output by  

combining information from measurements in the aorta and from the lower part of the ventricle to be 

more robust against aggressive flow profiles during VAD therapy. 
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1. Introduction 

In 2015, more than 400 million people worldwide suffered from a heart disease, which remains the 

leading cause of death if untreated (Roth et al., 2017). The inability of the left heart to pump a sufficient 

amount of blood and meet the organs' oxygen and nutrient demand is known as "heart failure". Due to 

the lack of donor organs, technical pumps are used as acute or long-term treatment to support the 

damaged heart. These pumps, called "Ventricular Assist Devices" (VADs), temporarily maintain a 

sufficient blood circulation of the patient. 

To date, the attending physician manually sets the pump to a constant rotational speed, which does 

not react to changes in loading conditions of the heart. In order to enable an automatic and thus individual 

therapy, it is crucial to continuously monitor hemodynamics, such as the cardiac output of the heart 

(Chong, Wang, Berbenetz, & McConachie, 2018; Stephens & Whitman, 2015). The knowledge of 

cardiac output or the left ventricular volume (LVV) may lead to the improvement of VAD therapy, and 
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therefore, reduce hospitalization and health care costs. For instance, life-threatening adverse events, such 

as VAD suction resulting in a shrinkage of LVV, are frequently observed complications during VAD 

support. In general, a low LVV can cause a shift of the septum, and thus, affect the electrical activation 

of the heart (Andersen et al., 2009; Harding, Piacentino III, Gaughan, Houser, & Margulies, 2001). 

Additionally, a high LVV, accordingly a high preload, may result from pulmonary edema or high venous 

return. Therefore, the direct monitoring of cardiac output may enable the usage of control algorithms to 

adapt automatically to various loading conditions. 

In this paper, it is assumed that bioimpedance measurements during VAD support can be used to 

assess ventricular volume. The placement of at least four electrodes on the surface of a catheter-based 

VAD is inspired by the setup proposed by Baan et al. (Baan et al., 1984). A small alternating electrical 

current is fed into the outer electrodes to span the electric field, while the inner electrodes are used to 

measure voltages depending on the properties of the surrounding tissue. The admittance calculated 

correlates with the volume of the left ventricular blood cavity. Due to non-linear effects of the electrical 

field spread by two point charges, Wei et al. (Wei, Valvano, Feldman, & Pearce, 2005) proposed a 

modified algorithm for volume computation of the blood cavity. Furthermore, Hoetink et al. (Hoetink, 

Faes, Visser, & Heethaar, 2004) investigated that the measured impedance signal is not only dependent 

on anatomy, but also on changes of dielectric properties of blood caused by blood flow.  

The authors are convinced that this information must be included in the analysis of cardiac 

impedance signals, in order to obtain a reliable estimate of left ventricular volume and cardiac output. 

Consequently, in this study we investigated the influence of flow-dependent conductivity of blood 

on intracardiac bioimpedance measurements with a four-dimensional (4D) finite element (FE) model of 

the contracting heart and the aorta. Based on the findings of Hoetink et al. (Hoetink et al., 2004), a 

conductivity model was established to describe the changes caused by blood flow in the left ventricle 

and the aorta. For this purpose, flow fields were used to obtain spatially resolved information on the 

direction and velocity of blood flow in the left ventricle and the aorta. All simulations were performed 

over a complete cardiac cycle and different electrode positions were analyzed regarding injection site 

and measurement location. 

2. Modeling of the heart anatomy 

For the analysis of measurements of impedance inside the heart, a model that reflects the anatomical 

proportions, volume variations and dielectric properties of blood and heart tissue is essential. 

In 2013, a simplistic 4D FE model of a human thorax from magnetic resonance imaging (MRI) data 

to simulate non-invasive impedance cardiography measurements was developed by Ulbrich et 

al. (Ulbrich et al., 2013).  Based on this model, a 4D FE model of the heart was created in this work using 

CST STUDIO SUITE 2018 (Providence, Rhode Island, USA), which can be used for the analysis of 

electromagnetic fields in low-frequency and quasi-static applications. This simplified model allows for 

a low computational cost. Its simplistic nature enables the simulation of an entire cardiac cycle in CST 

Studio, which is not possible with data-intensive MRI approaches.  

In this model, the two blood cavities were independently modeled. As the right ventricle (RV) is 

formed by a truncated cone, the left ventricle (LV) is modeled by means of two oblique truncated cones, 

as depicted in Figure 1. Truncated cones were used to model the LV in order to mimic an anatomically 

realistic heart contraction. Therefore, by adjusting the center radius RMID, a contraction is achieved, while 

top radius RTLV and bottom radius RBLV change insignificantly. Furthermore, the atria were modeled on 

top of the ventricles as rotational ellipsoids. The separation between the atria and the ventricles was 

achieved by narrow cylinders, mimicking the atrioventricular valves. Additionally, the heart cavities 

were surrounded by a layer of heart muscle tissue that changes its thickness according to (Ashikaga et 

al., 2008). The complete heart model was obtained by inserting the left half of the heart into the right half 

of the heart. Finally, a layer of pericardium was then placed around the heart. The dielectric properties 

for heart muscle, pericardium, and blood were taken from (Gabriel, Gabriel, & Corthout, 1996). 

To obtain physiological correctness, the filling volumes for all heart chambers as well as the size of 

the pericardium and heart muscle were taken from literature for the entire cardiac cycle (Corsi et al., 

2005; Ferguson et al., 1989; Gibson & Brown, 1973). As shown in Figure 1, the left ventricle model is 

defined by the top RTLV, center RMID and bottom radius RBLV along with the height HLV of the ventricle.  

The bottom radius was set to RBLV = 7 mm, while the course of the top radius RTLV was taken from 

Gibson et al. (Gibson & Brown, 1973). The end-diastolic height of the ventricle was set to 

HLV,dia = 80 mm with a percentage shortening of 10.52 % during the cardiac cycle (Veronesi, Corsi, 

Caiani, & others, 2006), where the factor d defines the height of each truncated cone. The remaining 

parameter RMID was calculated using the volume estimate for oblique truncated cones (see Eqn. 1-3) and 

the filling volume VLV of the left ventricle. 
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𝑉LV,top =
𝜋

3
· (1 − 𝑑) · 𝐻LV · ( 𝑅𝑇LV

2 + 𝑅𝑇LV · 𝑅MID + 𝑅MID
2 ) (1) 

𝑉LV,bottom =
𝜋

3
· 𝑑 · 𝐻LV · ( 𝑅MID

2 + 𝑅MID · 𝑅𝐵LV + 𝑅𝐵LV
2 ) (2) 

𝑉LV = 𝑉LV,top + 𝑉LV,bottom  
(3) 

 

 
 
Figure 1. Schematic structure of the modeled heart and corresponding variables in the left ventricle. 

 

In addition to the ventricles, a model of the aorta was derived as described in (Ulbrich et al., 2013), 

which contains 20 torus segments, each having a time-dependent diameter modeling the wave 

propagation caused by blood ejection. Furthermore, an aortic root connected the aorta and left ventricle. 

As mentioned above, a thin cylinder was inserted into the aortic root to model a simplified aortic valve 

having a time-dependent conductivity of either blood (systole) or heart muscle tissue (diastole). 

Moreover, the model was surrounded by a large cylinder that is a mixture of the electrical properties of 

the surrounding tissues and organs σ = 0.251 S/m. 

Finally, as an example of a catheter-based VAD, the Impella® CP (Abiomed Inc., Danvers, USA) 

was placed in the left ventricle and the aorta. The resulting FE model and the position of the VAD in the 

model are shown in Figure 2 for one point in the cardiac cycle. 

 

 

 
Figure 2. Left: FE model of the heart and the aorta; Right: Position of the VAD in a cross-section of the FE 

model. 
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3. Modeling of blood conductivity 

3.1 Mathematical modeling following Hoetink 

The flow-dependent conductivity of blood has been studied since the beginning of the 20th century. 

In 1979, it was already found that the change in conductivity in flowing blood is mainly caused by 

orientation and deformation (Sakamoto & Kanai, 1979). In fact, as early as 1924, Fricke et al. developed 

a mathematical model to describe the conductivity of a suspension of ellipsoids in a homogeneous 

conductive medium (Fricke, 1924). By applying this model to blood, the erythrocytes can be 

approximated by ellipsoidal particles with a short length axis of 2a and two axes of equal length 2b, 

resulting in the calculation of blood conductivity σbl for the β-dispersion range 

 

σbl = σp ·
1 − 𝐻𝐶𝑇

1 + (𝐶 − 1) · 𝐻𝐶𝑇
 (4) 

 

where σp is the conductivity of blood plasma, HCT the hematocrit value and C a constant depending on 

the geometry of the erythrocytes. Since the geometry of erythrocytes, and hence the value C, changes 

with blood flow, the conductivity of blood also increases during the ejection of blood. 

As mentioned above, an advanced model for the flow-dependent conductivity of blood during 

laminar flow in a cylindrical tube was developed by Hoetink et al. (Hoetink et al., 2004). The Hoetink 

model considered the orientation and deformation of erythrocytes caused by shear stress with the 

following assumptions (cf. Figure 3): 

i. Blood is a diluted suspension of erythrocytes surrounded by plasma; wherein the erythrocytes 

are modeled as ellipsoids having two long axes of length 2b and a short axis of symmetry of 

length 2a subject to the condition a < b (Figure 3, right).  

ii. All erythrocytes are structured in cubic volume elements arranged in a circular grid across the 

cross-section of the tube (Figure 3, left). 

iii. Flowing erythrocytes are either randomly oriented or aligned. They are considered aligned if 

one of their major axes is within ± 20° of the direction of flow (Figure 3, right). 

 

 
 

Figure 3. Schematic representation of the definition of volume element (left), the alignment of erythrocytes in a 

tube (middle) and the dimensions of an exemplary erythrocyte, modified according to (Hoetink et al., 

2004). 

 

The conductivity of a volume element σbl is then calculated by Eq. 4, with factor C depending on the 

deformation and orientation of the erythrocytes. For this work, we used the calculations for erythrocytes 

deformation and orientation presented in (Hoetink et al., 2004). 

Whenever a suspension of ellipsoidal particles flows through a tube, shear forces occur. The velocity 

of the fluid is not constant throughout the cross-section of the tube: the velocity of the fluid at the tube 

wall is zero; the maximum is reached in the middle of the tube. Therefore, the velocity of a volume 

element varies depending on the distance r from the symmetry axis of the tube. The resulting radial flow-

induced shear stress τ(r) acts on the erythrocyte’s membrane, located at a distance r from the symmetry 

axis of the tube. As a result, the erythrocyte is deformed and has new axis lengths. 

In (Hoetink et al., 2004) , the relationship between shear stress τ and the spatial average velocity 

<v> was derived, with <v> equal to  the  volume  rate  of  flow  divided  by the  cross-sectional  area  of  

the  tube. The shear stress can be calculated as a function of the distance r to the symmetry axis of a tube 

with radius R and the viscosity of blood ηbl (cf. Figure 3):  

τ(r) = 4η𝑏𝑙

〈𝑣〉

𝑅

𝑟

𝑅
 (5) 
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For the change of conductivity due to orientation of erythrocytes  the shear stress profile of flowing blood 

was divided into three sections (Hoetink et al., 2004): 

 

i. For shear stresses τ(r) < 0.03 Nm2, about 50% of the erythrocytes are aligned with their major 

axes b within an angle of 20° to the direction of flow. The remaining erythrocytes have a random 

angle between their major axis b and the direction of flow  

ii. For shear stresses 0.03 Nm2 < τ(r) < 0.4 Nm2, the erythrocytes change from a random orientation 

to an aligned and deformed state. In this case, a linear weighting function is proposed to 

determine the remaining fraction of randomly oriented erythrocytes.  

iii. For shear stresses 0.4 Nm2 < τ(r), all erythrocytes are fully aligned and deformed. 

 

In addition, the deformation of erythrocytes is described by the short-to-long axis ratio as a function of 

shear stress. A more detailed description of the mathematical model is given in (Hoetink et al., 2004). 

The conductivity of a volume element with a spatial average velocity <v>, located at a distance r from 

the symmetry axis of the tube with radius R, is calculated using Eq. 4 and the corresponding parameter C.  

Finally, the bulk conductivity σbl of the flowing blood through a tube can be calculated by Eq. 6, where 

r1 and r2 result from the conditions τ(r1) = 0.03 Nm2 and τ(r2) = 0.4 Nm2: 

 

σbl =
2

𝑅2
(∫ σ<(𝑟)𝑟 𝑑𝑟

𝑟1

0

+ ∫ σ<>(𝑟) 𝑟 𝑑𝑟
𝑟2

𝑟1

+ ∫ σ>(𝑟) 𝑟 𝑑𝑟
𝑅

𝑟2

) . (6) 

  

3.2 Geometrical integration of conductivity model 

When applying Hoetink's model to our 4D FE model, some assumptions do not apply to a ventricle: 

 

i. A ventricle is not a tube, but has approximately the shape of a cone. 

ii. The spatial average velocity <v> varies during the cardiac cycle due to pulsatile flow. 

iii. There are local differences in <v> due to the contraction of the ventricle. 

iv. During diastole and end of systole the flow inside the ventricle is turbulent.  

 

Adapting Hoetink's model for a ventricle, each height must be considered independently because the 

radius of the ventricle changes in the longitudinal direction. However, any cross-sectional area of the 

ventricle that is perpendicular to the longitudinal axis is approximately radially symmetric. Accordingly, 

we assumed that the conductivity of an infinitesimal volume element at the distance r from the center of 

each cross-sectional area depends on the following three quantities: 

i. The outer radius R of the corresponding cross-sectional area. 

ii. The spatial average velocity <v> at the corresponding cross-sectional area. 

iii. The radial distance r to the center of the corresponding cross-sectional area. 

 

For the calculation of conductivities inside the ventricle and the aorta, we assumed a hematocrit value of 

HCT = 0.46, resulting in a conductivity for resting blood σbl = 0.702 S/m. 

Furthermore, the values for spatial average velocity <v> and directional information of flow were 

extracted from flow profiles available in literature (Hung, Khalafvand, & Ng, 2015; Khalafvand, Ng, 

Zhong, & Hung, 2017) for chosen discrete points in space and time. The data was automatically extracted 

using MATLAB (The MathWorks Inc., Natick, USA) by analyzing direction and color scale of the flow 

fields and assuming radial symmetry. With this assumption, the 2D data was considered for 3D modeling.  

Hoetink's mathematical model and our adaptation that considers the geometry of the left ventricle 

was integrated into the 4D FE model (see Section 2). In CST Studio, the assignment of material properties 

can only be done for separate components. In the basic 4D FE model, the blood cavity of the ventricle 

consists of only one component; thus, only one conductivity at a time. As already mentioned, the 

conductivity depends on three quantities (R, <v>, r), so it was required to divide the blood cavity into a 

large number of geometric components to integrate the presented model from section 3.1. As CST Studio 

has a limited mesh solution, such a complex model with many components could not be realized. 

In order to combine the mathematical and the 3D-Model in CST Studio, a simplified geometry was 

developed, merging radial arranged volume elements. Therefore, the ventricle was divided into 20 disks 

to mimic different values of conductivity inside the ventricle as shown in Figure 4, allowing to accurately 

resolving the spatial average velocity. 
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Figure 4. Left: Schematic structure of the geometric axial conductivity model; Right: 3D view of the FE model 

with integrated axial conductivity model.. 

 

For each disk, the bulk conductivity of flowing blood was calculated according to Eq. 6 considering 

the corresponding outer radius R and a velocity value <v> for each point in time. As the radial component 

r was integrated in this simplified model, the conductivity of blood inside the ventricle only depends on 

two quantities R and <v> for each disk. The location of electrodes on the surface of a VAD are in parallel 

with the longitudinal axis of the ventricle. Hence, we expect the greatest influence on the impedance 

signal by the longitudinal division into discrete disks. Nevertheless, we also implemented a radial 

structure without determining the bulk conductivity (cf. Eq. 6) by integrating the component r, where the 

flow-dependent conductivity only depends on r and R. Due to the limited mesh solution of CST Studio, 

it was not possible to accurately resolve the spatial average velocity using this radial structure, which led 

to inaccurate simulations. As a result, we decided to continue with the axial approach.  

During diastole and the end of systole, the flow of blood inside the ventricle forms vortices. In this 

case, turbulent flow occurs and erythrocytes do not align. Hence, areas where vortices occur were 

modeled with resting blood conductivity. 

In addition to the geometrical conductivity modeling in the left ventricle, the flow-dependent 

conductivity of blood in the aorta was modeled. For this purpose, the spatial velocity of blood in all 20 

aortic segments was essential. The velocity of blood in each aortic segment vA,I(t) was calculated with 

the radius of each aortic segment RA,i(t) and the flow V̇(t) inside the aorta: 

 

𝑣A,i(𝑡) =
�̇�(𝑡)

𝜋 · 𝑅𝐴,𝑖(𝑡)
 (7) 

 

During the systole (t ∈ [1, 37]), the blood flow was determined by differentiating the known filling 

volume VLV(t) of the ventricle:   

 

�̇�(𝑡) =
𝑉𝐿𝑉(𝑡) − 𝑉𝐿𝑉(𝑡 − 1)

𝑇𝐴

, 𝑡 ∈ [1, 37] (8) 

 

with TA the sample rate of the filling volume. For the remaining time steps, we neglected the 

influence on the change of conductivity, due to the slow flow of blood in the aorta during diastole. 

4. Results 

The simulations performed in CST Studio were setup with a current injection frequency 

of f = 20 kHz, which is in the β-dispersion range. Impedances were obtained inside the left ventricle and 

the aorta to investigate the influence of flow-dependent conductivity of blood. All simulations were 

divided into 103 discrete time steps to examine the impedance over the complete cardiac cycle. 
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Figure 5. Electrode configurations: Measurement electrodes inside ventricle + upper injection electrode inside 

ventricle (config. A); Middle: Measurement electrodes inside ventricle + upper injection electrode 

inside aorta (config. B); Right: Measurement electrodes inside aorta + injection electrodes inside 

aorta (config. C). 

 

Additionally, simulations were performed for three different electrode configurations to examine the 

influences on the impedance signal, which are depicted in Figure 5.  These electrode configurations were 

chosen to cover a wide range of the ventricle and the aorta on the catheter-based VAD but are not 

clinically routine.  For configuration A and B, the measuring electrodes M1 and M 2 were placed in the 

apical and basal area of the left ventricle to cover the entire blood volume. Additionally, a third electrode 

MM was placed between M1 and M2. The ground injection electrode VGND is placed near the apex of the 

left ventricle to cover a wide area of the blood cavity. The only difference between the A and B 

configuration is the placement of the upper injection electrode VCC. While for A it was placed at the base 

inside the left ventricle, in the electrode configuration B the upper injection electrode VCC was placed 

inside the ascending aorta. 

The configuration C was used for obtaining only the change of impedance inside the aorta. 

Therefore, all electrodes (VCC, VGND, M1, M2) are placed inside the ascending aorta.  

4.1 Simulation of impedance inside the left ventricle 

In this section, the influences of the modeled flow-dependent conductivity on the impedance 

simulated inside the ventricle are investigated. For this purpose, only two electrode configurations A and 

B from Figure 5 were considered. 

 

 
 

Figure 6. Resulting admittance magnitude |Y| with (blue) and without (green) flow-dependent conductivity over 

the entire ventricle (electrodes M1 and M2) for electrode configurations A (left) and B (right) over one 

heart cycle. 

Figure 6 shows the admittance magnitude |Y| obtained over the entire left ventricle M1 and M2 with 

(blue) and without (green) modeling of flow-dependent conductivity for two electrode configurations A 
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and B. The admittance Y̲ is defined as the reciprocal of the impedance and thus, the instantaneous ratio 

of current to voltage: 

𝑌 =
1

𝑍
=

𝐼

𝑍
 (9) 

 

As shown in Figure 6 in the left diagram, we observed a small influence of flow-dependent 

conductivity on the admittance with electrode configuration A, which is more significant during systole 

(t ∈ [1, 37]) than during diastole (t ∈ [38, 103]). This difference can be explained by the varying flow in 

the ventricle, which is greater during systole than during diastole, with the result that conductivity 

changes are also greater during systole. Furthermore, at time step 37 a drop of admittance was observed. 

At this time step, the aortic valve was closed by changing its material properties from blood to muscle 

tissue. Since the valve remained closed during the diastole, the continuous negative offset remained. This 

effect can be explained according to the laws of electrostatics, where the normal components Jn1 and Jn2 

of the electric current density remain constant, whereas the tangential components at the interface of two 

materials can be determined according to: 

𝐽𝑡2 = 𝐽𝑡1

σ2

σ1

 (10) 

 

We postulate that due to the position of the injection electrodes for the configuration A, most of the 

current passes almost tangentially to the boundary between blood and the aortic valve. Since the aortic 

valve has a lower conductivity (σ2 = σvalve = 0.238 S/m), compared to resting blood (σ1 = σblood 

=0.702 S/m), the current density at the interface is attenuated by a factor of σ2/σ1=0.339 if the aortic 

valve is closed. 

When using the electrode configuration B, no significant influence of flow-dependent conductivity 

can be seen in either systole or diastole (see Figure 6, right). Furthermore, the influence of aortic valve 

closing is not observable in the admittance signal. In contrast to the electrode configuration A, the upper 

injection electrode is located inside the aorta; this may cause the current to flow almost orthogonal 

through the aortic valve. We suggest that the tangential components of the electric current density are 

very small. Since the normal components of the current density remain constant at the boundaries, the 

current density at the interface is hardly attenuated. This would explain the low influence of the aortic 

valve closure on the admittance signal in contrast to the electrode configuration A. 

The admittance obtained for the lower part of the left ventricle (MM and M2) are shown in Figure 7 

with and without the modeled flow-dependent conductivity. We note that for the lower part of the 

ventricle the influence of flow-dependent conductivity is much smaller, regardless of the injection 

location (config. A, B). As the flow velocities in the lower part of the ventricle are quite small 

(max. <v> = 47.9 cm/s during diastole, max. <v> = 48.6 cm/s during systole), consequently the 

conductivity changes between the discs in the lower part of the ventricle only up to σbl = 0.7159 S/m 

(+1.94 %) during systole and σbl = 0.7155 S/m (+1.88 %) during diastole. Furthermore, no influence of 

aortic valve closure is visible when comparing the course of admittance of the entire ventricle with the 

course of admittance of the lower part of the ventricle for the electrode configuration A. 

 

 
 
Figure 7. Resulting admittance magnitude |Y| with (blue) and without (green) flow-dependent conductivity for 

the lower part of the ventricle (electrodes MM and M2) for electrode configurations A (left) and B 

(right) over one heart cycle. 
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In Figure 8 the courses of admittance obtained for the upper part of the ventricle (M1 and MM) with 

and without flow-dependent conductivity are depicted. 

 

 
 

Figure 8. Resulting admittance magnitude |Y| with (blue) and without (green) flow-dependent conductivity for 

the upper part of the ventricle (electrodes M1 and MM) for electrode configurations A (left) and B 

(right) over one heart cycle. 

 

In contrast to the simulations from the lower part of the ventricle, the influence of a change in 

conductivity due to blood flow in the upper part of the ventricle is significant due to higher flow 

velocities. Especially during systole, the spatial average velocities near the base of the ventricle increase 

up to <v> = 113.5 m/s. This results in a maximum blood conductivity of σbl = 0.7432 S/m (+5.83 %). In 

addition, the influence of the aortic valve closure is also significant using the electrode configuration A. 

In the course of admittance of the electrode configuration B, the closure of the aortic valve can be 

observed, despite having a very noisy signal, probably caused by errors in the numerical calculations of 

CST Studio. 

4.2 Simulation of impedance inside the left ventricle 

In this chapter, the influences of conductivity modeled caused by blood flow on the impedance 

obtained inside the aorta are investigated. For this purpose, all electrodes were placed in the ascending 

aorta, as shown in Figure 5 in configuration C.  

As mentioned before, the conductivity of flowing blood inside the aorta depends on the outer radius 

R of the cross-sectional area and the spatial average velocity <v>. The influences expected when 

measuring in the aorta are thus the change in aortic cross sections due to pulsating blood ejection, the 

change in conductivity due to blood flow and the superposition of volume changes from the heart 

chambers and surrounding tissue. 

 

 
 

Figure 9. Left: Resulting admittance magnitude |Y| in the aorta with (+) and without (-) flow-dependent 

conductivity; Right: Flow inside the aorta (red, dashed) and difference between model of fixed and 

flow-dependent conductivity (black, solid). All obtained with electrode configuration C. 
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The admittance's magnitude obtained of the simulation with (blue) and without (green) flow-dependent 

conductivity are shown in Figure 9 on the left side. It is clearly visible that the modeling of flow-

dependent conductivity has a huge impact on the measurement signal during systole (t < 38), whereas 

both simulations converge during diastole. This convergence is inherently caused by the closure of the 

aortic valve at time step 37, which leads to no blood flow and thus no change in conductivity, so that 

both models perform identically. The potential contribution of changes of the aortic radius R caused by 

the ejected blood volume is reflected in the simulations without (green) the conductivity model. The 

aorta expands most during systole when also flow velocities are highest. During diastole the aortic wall 

movements are reduced. The remaining changes in the signal during diastole are expected to be 

distortions of signal components from volume changes within the ventricles and atria.  

The subtraction of the course of admittance Y with (blue) and without (green) flow-dependent 

conductivity is shown in Figure 9 on the right side (black) together with the actual flow inside the aorta 

(red, dashed). Both curves (Figure 9, right) have a correlation of 0.98. 

5. Discussion 

In this work, we aimed to investigate the influence of flowing blood on the measurement of 

impedance inside the left ventricle and the aorta. For this purpose, we built a 4D-FE model that captures 

not only the anatomy and dielectric properties of the tissue, but also inhomogeneities in blood 

conductivity due to blood flow. For this purpose, a mathematical model (Hoetink et al., 2004) was 

adapted to the anatomical conditions and the existing flows inside the ventricle and the aorta over a 

cardiac cycle and integrated into the 4D FE model. In various simulations, we showed the influences of 

flowing blood on cardiac bioimpedance signals with three electrode configurations. Table 1 provides the 

mean and maximum of the relative deviations between the simulations with and without modeled flow-

dependent conductivity for two electrode configurations (A, B) and three measurement locations (M1, 

MM, M2). In established volume measurement techniques (Baan et al., 1984; Wei et al., 2005) the relative 

volume is estimated by using the difference of the end-systolic and end-diastolic admittances, thus we 

also calculated the relative deviations dev(%) with respect to the signal range according to Eq. 11: 

 

dev(%) =
|Y𝑤| − |Y𝑜|

max(|Y𝑜|) − min (|Y𝑜|)
 (11) 

where Yw(t) and Yo(t)  are the admittances obtained from simulation with and without 

modeled flow-dependent conductivity, respectively. 
 

 

 
Table 1: Deviation in % w/o conductivity model for simulations inside the left ventricle this study. 

 A B 

Deviation (range) Mean Max Mean max 

M1 & MM [%] 4.94 26.85 2.64 15.74 

MM & M2 [%] 0.91 4.78 0.66 4.42 

M1 & M2 [%] 1.91 9.92 0.86 7.12 

 

Over the whole cardiac cycle, the mean deviation between the model with and without flow-

dependent conductivity seems tolerable (0.66 % - 4.94 %) for all measurement locations. This does not 

reproduce the huge differences during systole where the deviation increases from 4.42 % to 26.85 % 

depending on the measurement location. Additionally, if volumes are calculated with end-systolic and 

end-diastolic admittance, the enormous influence of the aortic valve on the admittance may result in large 

differences in volume estimation. It is evident that during systole, for a measurement location M1 & MM 

in the upper part of the ventricle, the maximum deviation is significant (15.74 % - 26.85 %), since blood 

velocities are higher. Overall, the influence of flow-dependent conductivity of blood in the left ventricle 

depends on the chosen electrode configuration and the measurement range. To obtain information on 

blood volume only, the influence of the aortic valve and flow-dependent conductivity on the 

measurement signal was reduced by placing the upper injection electrode in the aorta (here: config. B). 

In addition, the simulated results suggest that the placement of measurement electrodes in the lower part 

(here: MM & M2) of the ventricle seems to be more robust, as the flow velocities are lower. With an 

injection configuration B, the admittance curve obtained from electrodes MM & M2 correlated by 0.99 

with the actual volume of the left ventricle. 
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A measurement of the impedance inside the aorta is not yet established in the literature, but seems 

to be a promising approach to determine cardiac output. Here, changes in the conductivity of the flowing 

blood are not interpreted as unwanted disturbances of the measurement signal, but rather might be used 

as information for flow estimation. Our findings indicate that the influence of flow-dependent blood 

conductivity during systole is enormous (58.39 % with respect to the measurement range). Since the 

aortic valve of our model is completely closed during diastole and no flow-dependent change in 

conductivity has been modeled, there is no deviation between both models during diastole. Over the 

entire cardiac cycle, there was a relative deviation of 10.34 % between the model with and without 

modeling of flow-dependent conductivity. 

The 4D FE model developed has limitations due its simplified structure. The influence of structures 

within the left ventricle, such as the papillary muscle, and the detailed modeling of the valves were not 

considered. Furthermore, the flow profiles within the right ventricle and atria were not considered at all 

in the presented study. However, we expect the significance of their influence on the measurement signal 

to be neglectable, since blood flow is small. Furthermore, in the context of VAD treatment, new VAD-

specific flow profiles in the ventricle need to be investigated and included into the conductivity model. 

Moreover, a continuous flow profile could lead to the reduction of unwanted influences such as the 

movement of the pulsating heart chambers and the aortic wall, improving the estimation of flow from 

impedance measurement inside the aorta. In addition, the electric field modeled by Hoetink et al. was 

assumed to be homogenous and lacks information about the conductivity of erythrocytes in the radial 

direction. However, the measurement configurations shown also contain radial components of the 

electric field. This should be investigated in the model of conductivity in future research and may lead 

to smaller differences in conductivity. 

The changes in impedance simulated due to different electrode configurations and their potential 

effect on the measurement signal could be shown in a limited range. Nevertheless, electrode positions on 

the VAD have to be investigated in detail via for instance a sensitivity analysis. The information on 

sensitivity and selectivity could then be used to perform source separation of the measurement signal and 

thus be able to measure signal changes due to volume variations or flow only. All findings should be 

further validated in in-vitro and in-vivo trails. Therefore, the usage of electrophysiology catheters might 

be the next step towards testing in blood-filled actuated conductive left ventricular phantoms (Korn et 

al., 2020). Further, the integration of electrodes onto the surface of the catheter-based VAD needs to be 

achieved. 

6. Conclusions 

Cardiac bioimpedance signals acquired inside the left ventricle and aorta are composed of a complex 

superposition of different sources of influence. We believe that this study can contribute to the 

understanding of underlying mechanisms and may help to improve the monitoring of cardiac output and 

left ventricular volume not only in VAD therapy. 

Therefore, we built a finite element model of the heart and the aorta to simulate different influences 

on the impedance signal: the flow-dependent conductivity changes of blood, anatomical volume changes 

of all four chambers and dielectric properties of tissue. We showed that huge discrepancies occur in the 

impedance obtained due to flow-dependent conductivity of blood, which could lead to a false estimation 

of left ventricular volume with established estimation techniques (Wei et al., 2005). 

Beyond that, we believe that in VAD therapy the combination of measurements inside the ventricle 

and the aorta may result in more robust volume and cardiac output estimation and should be considered 

for further application. he conclusions are stated in this section, and they should be concise. 
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