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Fig. 13. Skin-electrode interface and electrical equivalent [27].

Fig. 14. Block diagram of experimental set-up applied in this paper.

real and imaginary parts, respectively; hence, (4) can be used
to determine magnitude of impedance
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2) Double-Time Constant Model: Fig. 12 proposes a gen-
eral model for all electrodes, and is known as the single-
time constant model [27]; however, there are some more
complicated models for skin–electrode impedance, such as
Neuman’s [27] model, which uses two stages of the single-
time constant model. The first stage only represents skin,
while the second only represents the electrode. This is called
double-time constant model, and is illustrated in Fig. 13.
The authors in [28] studied both models in terms of ECG
measurement and frequency response and showed that double-
time constant model exhibits more accurate results. However,
in this paper, we use the simplified single-time constant model
due to restrictions with our measurement devices.

B. Set-Up and Measurement Configurations

A block diagram of the experimental set-up of the model
is shown in Fig. 14. We use a two-electrode configuration
that works based on injecting a current sine-wave signal from
one electrode and collecting the same signal from the other

Fig. 15. Schematic diagram of skin-electrode impedance measurement
system.

Fig. 16. Skin-electrode impedance frequency response.

electrode, as well as measuring the voltage drop between two
electrodes.

1) Devices and Measurement Configuration: Our measure-
ment configuration is shown in Fig. 15, showing two electrodes
and their interface with user’s tissue. Rtissue represents the
resistance of tissues between two electrodes.

We need to determine the impedance of a single skin–
electrode interface, while our measurements show the total
value of both electrodes plus tissue impedance. If both elec-
trodes are identical in terms of type, material and size, we
can assume that they have the same skin–electrode interface.
In the experiments, we applied two identical electrodes made
of medical-grade silver plated 92% nylon and 8% Dorlastan
stretchable conductive textile. Each electrode was 0.50-mm
thick and 3 × 18 cm2 in size. They were, therefore, identical
and we could divide the total amount by two to determine the
skin–electrode interface for a single electrode. For a healthy
human’s middle upper arm, Rtissue is known to be almost
150 � [29], while the electrode skin impedance is larger than
1 M�. According to this, in our study Rtissue is assumed to
be negligible and its contribution is considered in Rs .

The bioimpedance measurement system we used includes
a frequency response analyzer (Model# 1255B, Solartron
Analytical, U.K.), an impedance interface device (Model#
1294A, Solartron Analytical, U.K.) and a personal computer.
Fig. 16 shows our impedance measurement results using this
system.

C. Estimating Skin–Electrode Impedance Model
Components and Verification

Applying the least squares nonlinear curve fitting method,
we tried to estimate three components of the skin–electrode
impedance model specifically, Rs , Rd , and Cd . We imple-
mented this method in MATLAB (R2008a) by applying the
“lsqcurvefit” function.

We have already measured the magnitude of impedance
against frequency in Fig. 16. We now need to estimate our
model parameters such that |Z(ω)| of the model matches
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Fig. 17. Measured data and estimated model.

our observation and the curve in Fig. 16. The least squares
nonlinear curve fitting method provides the best-fit impedance
model from the measured impedance values; this is done by
minimizing the summed square of the error between the data
point and the fitted model. The MATLAB code based on the
experimental data returned the following values for the three
components:

Rd = (9.8726e + 5) �, Cd = (1.5884e − 8) F

Rs = 116.6971 �.

To verify whether our model matches the observation or not,
we substituted the above values in their respective components
in (4). We then drew the graph of |Z(ω)| as a function
of frequency and observed both the measured and estimated
curves on the same plane, as shown in Fig. 17, where we can
see the validity of our model.

VI. EFFECTS OF THE SKIN–ELECTRODE INTERFACE

IMPEDANCE ON ECG

A. Effects of |Z(ω)| on ECG Acquiring

Considering the general circuits for ECG detection and
knowing the value of |Z(ω)|, a basic question comes up:
Do we miss any information in the ECG waveform because
of the ECG monitoring device is fed by a signal affected
by |Z(ω)|? If the answer is yes, then the next question is
how is ECG affected? Besides, we need to find a way to
compensate this effect. In [30], the authors clearly answer the
first question and show that there is an error ratio in ECG
signal associated with the skin–electrode impedance. Their
suggestions for improvement, include decreasing the skin–
electrode impedance, increasing the input resistance of the
amplifier or compensating skin–electrode impedance effects in
acquired ECG. In another paper, presented in [31], the elec-
trode is a gel electrode and both its model and its impact on
ECG registered on skin–electrode interface are investigated by
applying a square stimulus signal and recording its response.

In this paper, we propose another approach to address this
issue and determine the effects of skin–electrode interface
on recorded ECG. Our approach is based on skin–electrode
impedance variation per frequency. We also consider input
impedance of the amplifier. Fig. 18 gives a typical view
of an ECG acquiring circuit. Ri1 and Ri2 are the input
impedances of amplifiers, while Z1(ω) and Z2(ω) present the
skin–electrode impedance of electrodes collecting the signal.

Fig. 18. General circuit for ECG acquiring.

Fig. 19. Magnitude of (Ri + Z)/Ri per frequency.

The relations are shown in (5)–(7)

Ṽ1(ω) = V1(ω) × Ri1

Ri1 + Z1(ω)
(5)

Ṽ2(ω) = V2(ω) × Ri2

Ri2 + Z2(ω)
(6)

Acquired ECG(ω) = Ṽ1(ω) − Ṽ2(ω). (7)

In our case Z1(ω) and Z2(ω) are equal and amplifiers used
for both electrodes are also identical (Ri1 = Ri2). Thus, ECG
can be presented as follows:

Z1(ω) = Z2(ω) = Z(ω), Ri1 = Ri2 = Ri

Acquired ECG(ω) = Ri

Ri + Z(ω)
(V1(ω) − V2(ω)) . (8)

However, the real ECG signal before it is affected by skin–
electrode impedance, called In_body ECG, is

In_body ECG(ω) = V1(ω) − V2(ω). (9)

From (8) and (9)

In_body ECG = Acquired ECG(ω) × Ri + Z(ω)

Ri
. (10)

As can be seen, all equations are in the frequency domain,
because Z varies by frequency. However, acquired ECG sig-
nals shown in Figs. 4–11 are in the time domain. Therefore, to
calculate the In_body ECG in the time domain, we first need
to find the acquired ECG in the frequency domain, calculate
the In_body ECG in the frequency domain, then translate this
from the frequency domain to the time domain. Eventually,
we need to compare acquired ECG (t) with In_body ECG and
discuss about distortions caused by skin–electrode interface,
as well as how this interface can influence the interpretation
of ECGs from a medical perspective.

We first have to calculate Ri + Z(ω)/Ri using the values of
all components, including Rd , Cd , and Rs . The input resistance
of the amplifier we used was measured and found to be
1 M�. By substituting all values in equation Ri + Z(ω)/Ri

and plotting its graph per frequency in linear scale, the graph
in Fig. 19 is obtained.
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Fig. 20. Acquired ECG in frequency domain.

Fig. 21. In-body ECG in frequency domain.

Fig. 22. Acquired and in-body ECG waveforms.

Consequently, we needed to find acquired ECG in the
frequency domain. To obtain that, we apply Fourier transform
in MATLAB by applying the “fft” function on samples we
obtained when we took ECG measurements in the time
domain. Fig. 20 depicts the FFT of the acquired ECG.

To obtain in In_body ECG the frequency domain, according
to (10), we need to multiply the data shown in Fig. 19 by the
data shown in Fig. 20. The result is shown in Fig. 21.

What we have obtained so far is In_body ECG in the
frequency domain. By integrating this, we convert it to time
domain. Integration is carried out by applying the “ifft” func-
tion in MATLAB. Fig. 22 presents the In_body ECG(t) and
acquired ECG (t) on the same graph to make the differences
easy to observe. We must also mention that, since ECG
is a periodic signal, we eliminated the phase shift effects
resulting from the imaginary part of impedance. This also
makes comparison of the primary ECG signal and the obtained
one easier. We repeated this process for several acquired
ECG(t) samples and they all show the same results. Only one
sample is presented in this paper due to shortage of space.

In next section, we will discuss the differences between
these two signals and any possible missed information.

It should also be noted that temperature is known to affect
skin impedance and thus skin–electrode impedance. Authors
in [32] show that resistance and reactance of skin impedance
decrease when temperature increases. Based on their research
skin impedance is highly dependent on the total body water.
Higher temperature results in body dehydration and causes
skin impedance variation. To avoid skin–electrode impedance
variation due to change of temperature, we performed all our
experiments in the same ambient temperature of 22 °C.

B. ECG Morphological Changes and Interpretation

As expected, In_body ECG (t) and acquired ECG (t) have
differences in some parts of the ECG signal, specifically
in lower frequency contents, such as T-wave. The typical
frequency range of T-peaks is between 4 and 7 Hz [33].
Therefore, they are considered low frequency contents of ECG
as compared to R-peaks and P-peaks being in the frequency
range of 10–17 Hz [33]. Hence, the question is what risks
are associated with this type of information missing in ECG
and what misinterpretation may occur according to this error
from medical point of view? Since T-wave is affected, any
information it carries can be missed. Since it is the most
unstable part of the ECG recording [34], the T-wave changes
with many ECG abnormalities. For instance, it has a critical
role in diagnosing ST elevation, which is a marker of acute
coronary occlusion [35].

Another parameter that is affected by the T-wave hump
amplitude is the R/T ratio. This ratio is used clinically to
monitor sympathetic tone during isoflurane anesthesia [36]. In
addition to the aforementioned parameters, the Q–T interval,
which indicates specific form of ventricular tachycardia [34],
is also affected by the skin–electrode. Thus, if T-wave is not
detected accurately, Q–T prolongation may be missed.

In the next step, we try to find a way to minimize these
effects. One possible solution for this is to minimize the
skin–electrode interface impedance. The technical method we
selected is to apply pressure to make a better contact between
the electrode and the skin that leads to smaller skin–electrode
impedance. In [37], the authors showed that applying pressure
will decrease the impedance. We apply pressure to our elec-
trode; i.e., the AgNy conductive textile, and investigate how
its skin–electrode impedance changes. This is described next.

VII. APPLYING EXTERNAL PRESSURE

A. Enhancing the Device

For our device to be an appropriate platform for implement-
ing ECG-assisted BP measurement, a cuff is needed. Hence,
to have a fully automated device, we used 5 V motor and
an air pump to the device. The motor is driven by the MPU
and powered up by batteries. It pumps air into the bladder
inside the cuff and inflates it. To measure the cuff‘s pressure,
we add a pressure sensor (26PC series, Honeywell) to the
device, which converts pressure to voltage. Its output is read
by the ADC unit. Hence, we can watch the pressure of the cuff
and control it by MPU which is a part of BP measurement
procedure.
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Fig. 23. Measured |Z | under various pressure values.

Fig. 24. Component variation under pressure.

B. Measurement Set-Up

We setup the same system as explained in Section VI;
the only difference being that when we want to measure the
impedance, we apply pressure on the cuff, while electrodes
are located under the cuff. The pressure of the cuff remains
constant during each measurement. We applied pressure from
0 to 120 mmHg in 40 mmHg steps. For consistency with
our previous measurements, we used the singletime constant
model for the interface and the least squares nonlinear curve
fitting method for component value estimation. The variation
trend line of each parameter Cd , Rd , and Rs , was tracked and
drawn in the following graphs.

C. Results and Discussion

Fig. 23 shows |Z(ω)| variation per frequency. The frequency
varied between 0 Hz and 1 MHz. Applying MATLABs
“lsqcurvefit” function, all components were determined for
each graph. Fig. 24 shows the rate of variation for each
component.

As can be seen from the graphs, Rd continued to decrease
while external pressure increased. This is due to Cd , which is
the electrical charge between the skin and the electrode. The
value of any capacitor can be expressed by

C = ε0εr
A

d
(11)

where C is the capacitance in Farad (F), εr shows the dielectric
constant of the material between two parallel plates, ε0 stands
for the electric constant (approximately 8.85 × 10−12 Fm−1),
A is the effective common area between two parallel plates
(m2) and d (m) is the distance between the parallel plates [38].

This equation clarifies Cd ’s response under pressure. Apply-
ing pressure makes the effective area between the two parallel
plates larger, while making the distance between them smaller.
Since C is directly proportional to the effective area A and
inversely proportional to distance d , pressing the electrode
toward the skin results in a larger value of Cd .

We were also able to anticipate the behavior of Rd under
pressure. Rd is the resistance occurring in the charge transfer
path between the skin and the electrode. Resistance of any
material can be formulated as in

R = ρ
L

A
. (12)

where R is the resistance in ohm (�); ρ is the resistivity of
the material with the dimension of (� m); L is the length
of the material with the dimension of (m); A is the cross
sectional area of the conductor material with the dimension of
(m2) [38].

When applying pressure, the contact area between the skin
and electrode increases, resulting in smaller values of Rd .

For analyzing the behavior of Rs , we can again refer to (12).
Applying pressure creates more contact area between sweat
and the electrode, thereby lowering the value of Rs . In our
case, we let the sweat evaporate after each measurement;
thus, Rs remained approximately constant after 40 mmHg of
pressure.

VIII. CONCLUSION

In recent years, conductive textile has become increasingly
popular in medical applications particularly for home health-
care devices. This is because it is a user-friendly type of elec-
trode, bringing users convenience and comfort as compared to
gel electrodes, which are disposable and cause skin irritation.
In this paper, we developed a hardware-based configuration
appropriate for acquiring ECG signals with conductive textile,
and we acquired ECG using various types of electrodes from
different locations on the body. This was done to evaluate
the overall quality of acquired ECG by textile electrodes.
In the next step of this paper, we looked into the problems
that skin–electrode impedance can cause for the quality of
ECG signal registered at the electrodes. A new method of
reconstructing ECG was also proposed and we showed that
the skin–electrode interface influences the quality and shape
of the ECG signal registered at the electrode. skin–electrode
impedance impact on ECG was shown and the procedure for
detecting the differences between affected ECG and in-body
ECG was explained. Moreover, we proposed a method to
optimize the ECG acquired by our electrodes. This method
was based on minimizing skin–electrode interface impedance
by applying pressure.

For our future work we will expand our research to do
under pressure skin–electrode impedance measurement for
more subjects to analyze how skin–electrode interface vary
according to age, gender, and body mass index. We will
also take ECG under different pressure values to evaluate the
differences between acquired ECG and in-body ECG under
pressure.
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