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ABSTRACT

Conducting polymer electrodes based on poly(3,4-ethylenedioxythiophene) polystyrene sulfonate (PEDOT:PSS) are
used to record extracellular signals from autonomous cardiac contractile cells and glioma cell cultures. The performance
of these conducting polymer electrodes is compared with Au electrodes. A small-signal impedance analysis shows that
in the presence of an electrolyte, both Au and polymer electrodes establish high capacitive double-layers. However, the
polymer/electrolyte interfacial resistance is 3 orders of magnitude lower than the resistance of the metal/electrolyte
interface. The polymer low interfacial resistance minimizes the intrinsic thermal noise and increases the system
sensitivity. However, when measurements are carried out in current mode a low interfacial resistance partially acts as a
short circuit of the interfacial capacitance, this affects the signal shape.
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1. INTRODUCTION

Microelectrode arrays (MEAs) are considered to be a basic platform for the development of cell-based sensors.
These are substrate-integrated extracellular electrode matrices kept in contact with cells in culture'”. MEA-based
neuronal-electronic interfaces have been shown to facilitate the study of neuronal network processes, effects of
pharmacological drugs and mechanisms underlying pathological conditions. Recently, there is a significant effort in
improving the MEA technology. These efforts have been directed at two major challenges (i) decreasing the device
dimensions and (ii) improving the electrical coupling between the cell and the sensing device. Smaller devices are better
for parallel activity mapping, hence the application of nanofabrication technologies in this field. Devices incorporating
nanostructures have been used to record electrical activity from neurons and cardiomyocytes® . Often in these devices
the cells spontaneously engulf protruding structures. This intimate contact between the cell and electrode improves
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signal-to-noise ratio as compared to planar electrode systems. Another goal being pursued is the lowering of electrode
impedance. The most successful strategy is the use of conducting polymer surfaces™ . It has been shown that polymers
offer a low impedance that facilitates signal transduction from the cell to the recording electrode'*'°.

This contribution compares the performance of conventional Au electrodes with ink-jet printed polymer electrode
to record extracellular signals from cells in vitro. The objective is to gain insight into the impedance parameters that
control the electrical coupling between the cells and planar extracellular electrodes. The performance of the electrodes is
demonstrated using signals recorded from glioma cells cultures and from clusters of autonomous cardiac contractile
cells. The paper is structured as follows: First, the basic measurement system is presented in section 2. Section 3
introduces the equivalent circuit model that describes the displacement current method and how the voltage signal is
related with the signal in current. Next, the impedance of metallic and polymer based electrodes is presented and
discussed. Finally, the conclusions highlight the role of the individual impedance parameters in shaping the signal in
current.

2. ELECTRODES CHARACTERISTICS AND EXPERIMENTAL SETUP

Poly(3,4-ethylenedioxythiophene) polystyrene sulfonate PEDOT:PSS electrodes were ink-jet printed on glass
substrates. Printing was performed in air using a Fujifilm Dimatix Material Printer (DMP) 2831, with a DMC-11610
cartridge. Samples were annealed on a hot plate at 60°C for 8h. After annealing, ethyleneglycol (EG) was deposited on
the structure by immersion and then the devices were dried in a vacuum oven at 60°C for 12h. Fig. 1 (a) shows a section
of two parallel PEDOT:PSS electrodes printed on glass substrates. As test cells, we used cardiomyocytes differentiated
from mouse embryonic stem cells (ESC) described elsewhere'”'® and Rat glioma C6 cells (American Type Culture
Collection, ATCC). A photograph of a confluent C6 cell population on top of gold electrodes is show in Fig. 1(b). An
EB with multiple foci of contractile activity is shown in Fig. 1(c). This EB has approximately 1000 cells. The sensing
electrodes with cells were maintained at 37 °C in an incubator (HERACell®150) with a humidified atmosphere with 5%
of CO.,.

All electrical measurements were performed with a Stanford low-noise current amplifier (SRS 570), or alternatively
in voltage mode using the voltage amplifier (SRS 560), connected to a dynamic signal analyzer (Agilent 35670A). The
low noise pre-amplifiers operated with internal batteries. Small-signal-impedance measurements were carried out by a
Fluke PM 6306 impedance meter. All electrical measurements were carried out inside of a thick iron based Faraday cage
to shield low frequency interferences and the entire system is mechanically decoupled from external vibrations. Fig. 1(d)
shows a schematic diagram of the measuring set-up.
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Figure 1. Cells and electrodes used. (a) section of two parallel polymer electrodes ink-jet printed on top of a glass substrate.
(b) photograph of a monolayer of adherent C6 cells on top of a PET substrate with gold electrodes. (c) photograph of an EB
of cardiac cells and (d) schematic diagram of the measuring set-up.

3. EXPERIMENTAL SETUP MODEL

Fig. 2 shows the schematic layout of the electrodes and the corresponding equivalent circuit used to interpret the
data. The basic sensing system is comprised of two parallel co-planar electrodes of width D and length W, separated by a
distance L. One electrode acts as a sensing electrode, the other is grounded and it used as a reference electrode. When
the electrodes are immersed in an electrolyte solution the ions screen the electrode potentials by forming a Helmholtz or
a double-layer at the electrolyte/electrode interface. This interfacial region has been described using an equivalent circuit
as depicted in Fig. 2. The double-layer is described by an interfacial resistance (Rp) in parallel with the double-layer
capacitance (Cp). Rp takes into account all the possible contributions to the resistance including the charge transfer and
the polarization resistance of the interface. The bulk electrolyte solution is also described by a parallel RC network takes
into account the bulk electrolyte conductivity (Rs) and capacitance (Cs). When cells are in contact with the measuring
electrode, the resistance R models the signal loss between cell and the measuring electrode. The reference electrode is
relatively at a long distance from the sensing electrode. Therefore, the electrical path from the cell to the reference
electrode has high impedance and it is named seal impedance (Z,,,). This simple model has been adapted from standard
equivalent circuit used in literature'*?.
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Figure 2. Schematic diagram representing the electrical coupling between the cells and the measuring circuit. A trans-
impedance amplifier is used. The amplified signal is i4(t). W = 3900 um, L = 375 um, and D = 550 um.

4. RESULTS

The impedance plays a crucial role of the transducer ability to detect bioelectrical signals. The resistance generates
thermal noise and basically defines the noise floor. Higher values of capacitance and low values of resistance provide
better electrical coupling between cell and electrode. Therefore, it is important to measure the system impedance and
understand their frequency dependence. When measuring the impedance the components that described the interfacial
and the bulk electrolyte solution can be equivalent to a frequency-dependent parallel resistor (Rp) and capacitor (Cp).
These are the parameters measured externally by an impedance analyzer. Typically, electrode/electrolyte systems
behave as a two-layer system, with one interfacial layer having a high capacitance in series with a low capacitance layer.
At low frequencies the high capacitive interfacial layer is probed. As the frequency increases the high capacitance is
short-circuited giving rise to a transition from a high capacitance to a low capacitance that corresponds to the series sum
of the interfacial and bulk capacitance. This is known as a Maxwell-Wagner relaxation. In general metallic electrodes
such as Au immersed in cell culture medium exhibit this behavior. The frequency dependence of the capacitance (Cp)
and loss (1/@Rp) with ®=2.1t.f for an Au electrode is shown in Fig. 3 (a). The continuous lines represent the fit using the
equivalent circuit network depicted in the inset of Fig. 3 (a). The fitting is not perfect because the low frequency
dispersion has not been taken into account in our model. Usually a constant phase element must be added to the
equivalent circuit network to fit the dispersion at low frequencies. Fig. 3 (b) shows the frequency dependence of the
polymer electrode immersed in a cell culture medium. Both the capacitance and loss are frequency dependent. However,
in contrast with the gold electrodes described above, the loss rises rapidly for low frequencies, which shows that the
interface has a very low resistance. The bulk electrolyte resistance (Rs) is estimated to be approximately 1.3 kQ while
the interfacial double-layer resistance (Rp) is estimated to be around 300 Q. Interesting, the polymer/electrolyte system
does not behave as a two-layer system and therefore does not show a Maxwell-Wagner relaxation as observed for the
gold/electrolyte system. Fig. 3 (c) compares the frequency dependence of the impedance for gold and PEDOT
electrodes. The impedance of the gold is several orders of magnitude higher and is strongly frequency dependent. In
comparison, the impedance of the PEDOT electrodes is relatively flat upon increasing frequencies up to 1 MHz.

It is now important to understand how these differences in the impedance parameters can be explored to improve the
electrode sensitivity for bioelectronics signal detection. The first obvious implication is related with thermal noise. If
signals are detected and amplified as voltage, then the gold/electrolyte interface is substantially noisier than
PEDOT:PSS/electrolyte interface because of its high interfacial resistance. PEDOT:PSS/electrolyte interface provide
good electrical coupling between the cells and the electrodes. At low frequencies the good coupling is mainly due to the
low interfacial resistance whereas the high interfacial capacitance provides a low impedance path for high frequencies.
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Figure 3. Comparison between the impedance of a gold electrode system with a printed PEDOT:PSS electrode. (a) Typical
frequency dependence of a gold electrode system immersed in a cell culture medium. The capacitance and loss as function
of the frequency has a dispersion know as Maxwell-Wagner relaxation. The inset shows the equivalent circuit used to fit the
experimental data (thick lines). Fitting parameters are Rp =1.4 MQ, Cp =55 nF, Ry =1.13 kQ, C5=0.36 nF. (b) The
frequency dependence of the capacitance and loss for a PEDOT:PSS electrode. (c) The frequency dependence of the
impedance for Au and for PEDOT:PSS electrodes immersed in a cell culture medium.

In our measurement setup we use a trans-impedance amplifier, whose output voltage is given by

where Ry is the feedback resistance and i (¢) the current flowing trough the double-layer impedance. It is important to
understand how this current is related with vg(t), the voltage signal generated by the cell. This relation has been derived

in our previous work “'.

Vo(t) = —Rpis(t)

The current ig(t) flowing trough the interfacial double-layer can be expressed as

mt -
ls(t) ER—+mCD(1—€ t/T)
D
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where vg(?) is a voltage ramp rising at constant rate m=dvs ()/dt.

_ RpR:Cp (3)

T= R, +R. Cp(R¢//Rp)

7 is the time constant for the device to be charged or discharged.

is(?) signal is the sum of two independent terms, a component proportional to vs(t) = mt and a transient term with a
peak amplitude proportional to the product mCp that decays with a time constant T = R-Cp_ Hence, Cp acts as a
multiplying factor for the current. Basically, a rapidly varying voltage signal produces a large transient displacement
current across the capacitor. Under these conditions, the measured current signal shape is also proportional to m, the
derivative of the original signal v; ().

To understand how the signal shape is affect by the circuit components lets simulate the current response as predicted
by Eq. (2) to a square voltage pulse. The simulation is represented in Fig. 4 (a). As expected at the rising and falling
edges of the voltage pulse the time derivative, dvg/dt, forces a large surge current through the capacitor giving rise to a
upward and to a downward current spike. The current spike should fall down to zero when R, is large and to a constant
DC value when R is small.

The behavior described above was experimentally observed using glioma cells cultures. These cells engage into a
cooperative phenomena and generate square like voltage signals with a time length that is proportional to the depth (D)
of the electrode. Further details can be found in a previous publication®'. Fig. 4 (b) compares the current signals recorded
using gold electrode with the signals recorded using a PEDOT:PSS electrode. For clarity the time trace corresponding to
the PEDOT:PSS electrode was shifted along the yy axis by 65 pA. Both electrodes have similar low frequency
capacitance but the PEDOT:PSS electrode has a much smaller interfacial resistance Rp. This explains why the current
spike recorded using the PEDOT based electrode does not return to zero, but instead to a steady state value of
approximately 5 pA.

(b)

PEDOT:PSS n
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Figure 4. Signal shapes. (a) the displacement current signal in response to rectangular voltage pulse. (b) Comparison
between a signal recorded using a Au electrode with a signal using a PEDOT:PSS electrode. The time trace corresponding
to the PEDOT:PSS electrode was shifted along the yy axis by 65 pA. The low interfacial resistance of the PEDOT:PSS
electrode causes a pulse decaying to a steady state DC current. These signals have been recorded using glioma cells cultures.
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Next, we discuss how the electrode capacitance affects the displacement current signal amplitude. Two PEDOT
electrodes with the same physical dimensions but with different polymer roughness and consequent different values of
Cp, were used to record signals from the same cluster of contractile cells. The capacitance of one electrode system is 3.5
higher than the other. The signals recorded in the two electrode systems are shown in Fig. 5. The time trace of the high
capacitance electrode is artificially shifted by 80 pA. The peak of the signal recorded in the high capacitance electrode is
approximately 2.5 times higher than the signal recorded with the low capacitance electrode. The measured signal
amplitude does not exactly scale with the increase in capacitance. Among the possible reasons for this discrepancy is the
transfer process of the EB from one electrode to the other. After the transfer it is difficult to guarantee that the EB
couples exactly in the same way to the sensing surface.
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Figure 5. Comparison between two time traces of bioelectrical signals recorded from the same cluster of contractile cells
using PEDOT:SS electrodes with identical dimensions but with very different interfacial capacitances. The lower time trace
is the signal recorded using an electrode with 48 nF. The upper time trace is the signal recorded using an electrode with 148
nF. For clarity, the upper time trace is artificially shifted by 80 pA.

5. CONCLUSIONS

PEDOT:PSS electrodes produced by ink-jet printing were used to measure extracellular bioelectrical signals in cell
cultures and in cluster of contractile cells. Their electrical performance was evaluated and compared with conventional
Au electrodes. The study of the frequency dependence of the electrode/electrolyte impedance shows that the major
difference between the two electrodes is not only related with differences on the interfacial capacitance but also by a
significant difference on the interfacial resistance. The PEDOT/PSS/electrolyte system has an interfacial resistance
several orders of magnitude lower than the Au/electrolyte interface. A low resistance is desirable because it minimizes
the intrinsic thermal noise and can be used to lower the system noise floor. However, the interfacial resistance appears in
parallel with the interfacial capacitance. When the resistance is too small it can act as a leakage current path that bypass
the sensing capacitance. It is shown that this effect distorts the shape of the signal when measured in current.
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