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Bioimpedance Sensors: A Tutorial
Panagiotis Kassanos , Senior Member, IEEE

Abstract—Electrical bioimpedance entails the measure-
ment of the electrical properties of tissues as a function of
frequency. It is thus a spectroscopic technique. It has been
applied in a plethora of biomedical applications for diag-
nostic and monitoring purposes. In this tutorial, the basics
of electrical bioimpedance sensor design will be discussed.
The electrode/electrolyte interface is thoroughly described,
as well as methods for its modelling with equivalent cir-
cuits and computational tools. The design optimization and
modelling of bipolar and tetrapolar bioimpedance sensors is
presented in detail, based on the sensitivity theorem. Ana-
lytical and numerical modelling approaches for electric field
simulations based on conformal mapping, point electrode
approximations and the finite element method (FEM) are also
elaborated. Finally, current trends on bioimpedance sensors
are discussed followed by an overview of instrumentation methods for bioimpedance measurements, covering aspects
of voltage signal excitations, current sources, voltage measurement front-end topologies and methods for computing the
electrical impedance.

Index Terms— Bipolar impedance sensor, electrical bioimpedance, instrumentation, tetrapolar impedance sensor,
tissue impedance.

I. INTRODUCTION

ELECTRICAL bioimpedance is a technique that has been
applied in a wide range of biomedical applications for

detection of pathologies and adverse physiological events
and for the monitoring of physiological processes and tis-
sue dynamics. Bioimpedance is used to evaluate skin hydra-
tion [1], [2], to differentiate healthy from cancerous tissue [3],
to assess heart and lung function [4], for detecting tissue
ischemia [5]–[7], in full body or segment composition analy-
sis [8], for imaging different parts of the body [9], [10], for
monitoring wound healing and oedema [11] and for the assess-
ment of muscle health in neuromuscular diseases [12]–[14].
Bioimpedance sensors can also be integrated into catheters
for in situ tissue analysis during surgical procedures and
have thus great potential in (soft) robotic surgical tools and
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surgery [15]–[17]. At the smaller scale it is used for measuring,
analyzing, and imaging individual cells, cell cultures and sus-
pensions [18]–[20], as well as in electroporation studies [21].
This is only an indicative list of popular applications for bioim-
pedance. Detailed discussions of these and other applications
can be found in the supplementary information (SI) of this
paper.

Bioimpedance is increasingly used in the bioengineering
field, with the bioimpedance community continuously growing
and with many commercial products appearing in the market
in recent years. At a first glance, it seems as a relatively
simple method, as in its essence, it is a purely electrical
technique. After all, bioimpedance is Ohm’s law. As it will be
discussed in more detail in subsequent sections, bioimpedance
involves the measurement of the electrical properties of tissues
and cell populations from a few Hz to a few MHz. One
or more frequencies may be of interest depending on the
application. Based on whether dynamic properties are studied,
the bioimpedance can be measured sequentially one frequency
at a time, or in a multifrequency approach to measure all
frequencies of interest simultaneously. Since impedance is
measured at a range of frequencies, it is a spectroscopic
technique, giving rise to the term bioimpedance spectroscopy.

To measure bioimpedance, a known signal must be
applied to the tissue, as opposed to electrophysiological
signals that only require voltage recordings. Consequently,
the instrumentation required is somewhat more complicated
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as a signal needs to be generated to excite the biosample
to then obtain its required electrical properties as a function
of applied signal frequency. This signal needs to be known
and, in most cases, it is kept constant, such that there is
only one measurand needed to calculate the impedance using
Ohm’s law. Otherwise, both the voltage and current need to be
measured. Similarly to obtaining electrophysiological signals,
simple electrodes can be used to provide an electrical contact
to tissues. Thus, as opposed to electrochemical sensors, there
is no need for specialized membranes, enzymes, antibodies or
other molecules to be deposited on electrode surfaces. In fact,
in many bioimpedance applications, electrocardiography elec-
trodes are often used. Nevertheless, in many applications it
is important to optimize the electrode design to control the
impedimetric properties of the electrode system employed.
In addition, various materials can be deposited on the electrode
surface to improve its interfacial impedance properties.

This tutorial paper provides holistic discussions on all
matters necessary for the design of bioimpedance sensors and
an overview of bioimpedance instrumentation. First the elec-
trical properties of tissues, the electrode interface impedance,
its modelling and electrode characterization are discussed,
followed by an overview of methods for reducing elec-
trode interface impedance. Two- (bipolar) and four-electrode
(tetrapolar) systems for the measurement of bioimpedance
are discussed, elaborating on the electric field properties of
coplanar parallel electrode systems, their optimization and
modelling. Electrodes only provide the interface to the biosam-
ples and instrumentation considerations, are also discussed
for completeness. A conclusion ends the paper. An overview
of popular bioimpedance applications and the derivation and
detailed discussion of various theorems and equations can be
found in the SI.

II. ELECTRICAL PROPERTIES OF BIOLOGICAL MATTER

It is important first to understand the fundamentals of
the electrical properties of biosamples. According to Ohm’s
law, impedance (Z) is frequency dependent and equal to the
complex ratio of the ac voltage (V ) over the current (I ):

Z ( f ) = 1

Y ( f )
= Vosin (2π f t + ϕ)

Iosin (2π f t)
= Re (Z) + j Im (Z)

= R + j X = |Z | e jarg(Z) = |Z | e
jartan

�
I m(Z)
Re(Z)

�
. (1)

Io and Vo are the injected current and recorded voltage signal
amplitudes, respectively, t is time, ϕ is the phase difference
between current and voltage (positive or negative, depending if
an inductive or capacitive, respectively, behavior dominates),
Y is the admittance, Re(Z) is the real part of the impedance,
which is the resistance (R) and Im(Z) is the imaginary part
of the impedance, known as the reactance (X), |Z | is the
magnitude of the impedance, arg(Z) gives ϕ, and the angular
frequency is ω = 2π f . As is obvious, impedance can be
described either by a magnitude and phase or equivalently
by the real and imaginary parts of the impedance. These are
illustrated in Fig. 1(a) and (b).

Every material can be characterized by a conductivity, σ ,
and a relative permittivity, εr (Fig. 1(c)). Thus, they can be

Fig. 1. (a) The injected current sine wave and the resultant measured
voltage waveform, phase delayed due to the impedance. (b) Phasor
diagram representation of the impedance. (c) Injection of a known current
through electrodes A and D into a volume conductor with electrical
conductivity σ and relative permittivity εr, and measurement of the
resultant potential across electrodes B and C in a four-point (tetrapo-
lar) measurement arrangement. In a two-point (bipolar) measurement,
points A and D coincide with B and C. (d) The cell membrane acts as a
capacitor (Cmembr) and thus at low frequencies the current flows through
the extracellular medium, which acts as a resistor (Rextra). With an
increasing excitation frequency, the impedance of the capacitor gradually
diminishes and current starts flowing through the cell membrane and the
intracellular medium (Rintra) [24]. (e) The different dispersion regions.
Adapted from [26].

characterized by a frequency dependent complex conductivity,
σ(ω), or complex permittivity, ε(ω), based upon whether a
material can be predominantly considered as a conductor with
capacitive properties (accounting for displacement currents)
or a lossy insulator with conductive properties, respectively.
These are defined as [22]:

σ (ω) = σ � + jσ �� (2)

and

ε (ω) = ε� − jε�� = �
ε�

r − jεr
��� εo, (3)

where

σ �� = ωε� (4)
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and

ε�� = σ �

ω
, (5)

where εo is the permittivity of free space (8.85 × 1012 F/m).
For example, for saline σ = 1.6 S/m and εr = 80. Below
250 MHz it behaves mainly as a conductor, but above that,
as an insulator [22]. With regards to tissues, the epidermis,
for example, acts more as a dielectric with some conductive
properties, while muscle tissue acts primarily as a conductor
with some dielectric properties [22].

Intracellular and extracellular fluids are ionic, composed of
cations and anions that will migrate under the influence of
an electric field. Charge carriers are thus largely ions (rather
than electrons) that define the conductance of the material.
Extracellularly, conductance is mainly defined by Na+ and
Cl− ions. Free proteins in plasma are negatively charged also
contributing to the conductance. Extracellular and intracellular
fluids are thus primarily resistive in nature (Rextra, Rintra).
On the other hand, cellular membranes act as barriers to cur-
rent flow at low frequencies, demonstrating a capacitive behav-
ior (Cmembr). Thus, at low frequencies the extracellular space
is probed (Rextra) [23], [24]. With an increasing frequency,
membrane capacitive impedance is progressively diminished
and increasingly more current flows through the membrane and
into the intracellular space (Rintra). Low frequencies thus probe
the extracellular space and high frequencies both intra- and
extracellular spaces and intermediate frequencies interrogate
cell membrane properties. This is illustrated in Fig. 1(d).

Tissues are highly anisotropic and inhomogeneous and
demonstrate a high dielectric constant (106-107) below
100 Hz [25]. With increasing frequency, this is reduced in
distinct steps in identifiable regions in the spectral character-
istics, known as dispersion regions. There are four generally
defined dispersion regions, α, β, γ and δ, as illustrated in
Fig, 1(e) [22], [23], [26], [27]. The median value between two
adjacent dispersion regions, i.e., between α and β, is called
the characteristic frequency. The characteristic frequency of
the α and β-dispersion regions can vary significantly between
samples and tissues, but that of the γ -dispersion is relatively
constant. The α-dispersion region is between mHz-kHz and
is related with ionic diffusion, gated cell membrane chan-
nels and cell membrane effects. The β-dispersion region
is between 0.1-100 MHz and is related to cell membrane
polarization relaxations. The γ -dispersion region is between
0.1-100 GHz and is associated primarily with dipolar polar-
ization mechanisms in polar media and the abundant tissue
water. Between the β and γ regions, the δ region is related
with protein molecules and other organic macromolecules,
as well as intracellular structures, such as organelle membranes
(e.g., mitochondria) [22], [23], [26], [27].

III. BIOIMPEDANCE SENSORS

To measure bioimpedance, electrodes are needed as the
interface between the electronic instrumentation and the bio-
logical matter. At the electrode contact with the biomaterial
there is an interface impedance. In addition, there can be
many different electrode arrangements that can be used to

Fig. 2. (a) The double layer formed at the interface between a
metal electrode and an electrolytic solution. Adapted from [33]. (b) A
simple lumped equivalent circuit for the interfacial impedance. (c) Cole
complex impedance plot for a Pt (orange curve) and Pt black covered
Pt (blue curve) electrode and the corresponding (d) magnitude and
(e) phase Bode plots, using the values from [30]. (f) A three-electrode
electrochemical cell for electrode interfacial impedance measurements.

measure impedance. These are discussed in the following
sections. Discussions are complemented with finite element
method (FEM) simulations performed using Comsol Multi-
physics (Stockholm, Sweden). Details about the FEM model-
ing process used can be found in the SI.

A. Electrode Interface Impedance
Before discussing electrode systems, the electrode/solution

interface impedance must be understood. There have been
a number of models to describe this interface, starting with
the simple Helmholtz model. This was followed by the
Gouy-Chapman diffuse model, which was succeeded by the
dominant double-layer Stern model that combines the previous
two into the compact Helmholtz layer and a subsequent diffuse
layer. This was then modified by Grahame and others into a
triple-layer model, by separating the Helmholtz layer into an
inner and an outer part. The latter subsequently evolved into
the water-dipole model by Bockhs-Devanathan-Muller, which
considered the effect of the solvent (e.g. H2O) dipole sheath on
electrode surfaces and ions [28]. The double layer interface is
illustrated in Fig. 2(a). On the electrode side of the interface,
the charge carriers are electrons, while on the solution side of
the interface, the charge carriers are ions, i.e., charged matter.
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This fundamental difference in charge carriers leads to the
formation of the double layer, which occurs instantly through
the interaction between the two charge carriers. The metal will
have many free electrons that are negatively charged. For an
applied potential ϕM, there will be an accumulation of qM
charges in a very thin layer of the metal at the interface
(<0.1 Å). For an electrode area A, the charge density is
ρM = qM/A, with units of C/m2. On the biomaterial side at the
interface, there will be a redistribution of ions in the solution;
co-ions are repelled and there is an accumulation of counte-
rions (positively charged ions) to counterbalance the charges
on the electrode to achieve net charge neutrality (qM = −qS).
Water is polar and thus contributes to the potential drop across
the interface. Due to the strong interaction between the charged
electrode surface and water dipoles, there is a strongly attached
and oriented layer of water molecules hydrating the electrode.
There can also be (depending on the medium composition)
some dehydrated or partially hydrated specifically adsorbed
species strongly attached on the electrode surface. Specific
adsorption takes place due to electrical interactions between
ions and electrode materials, leading to physical adsorption
or chemisorption, depending on ion size and its hydration
and relative force strengths. These form the inner Helmholtz
plane (IHP), also known as the compact or Stern layer with a
charge density of ρIHP. The outer Helmholtz plane (OHP) is
composed of hydrated ions of the electrolyte with a ρOHP. Ions
can approach at a distance limited to their radius (d/2), which
controls the minimum distance of the IHP from the electrode
(xIHP) and the OHP from the IHP (xOHP), together with their
hydration sheath. There is a steep linear potential drop between
the electrode and the IHP, with a small increase between
IHP and OHP. Beyond the compact Helmholtz layers there is
the diffuse (Gouy-Chapman) layer, within which electrostatic
interactions are in competition with Brownian motion [29].
Here the potential decreases semi-exponentially with distance.
This charge separation between the two sides of the interface
resembles a parallel plate capacitor. The electrode interface
model and its different layers are illustrated in Fig. 2(a). The
total capacitance of the interface based on this model is then
equal to [30]

1

CDL
= 1

CI H P
+ 1

CO H P
+ 1

CGC
= 1

CH
+ 1

CGC

= dH

εoεr−H
+ L D

εoεr−GC cosh
�

zcϕM
2Ut

� , (6)

where CIHP, COHP and CGC are the IHP, OHP and
Gouy-Chapman capacitances, respectively, which are in series
and 1/CH = 1/CIHP + 1/COCP. Depending on how dilute
or concentrated the electrolyte is and other factors, differ-
ent parts dominate the overall capacitance, although recent
reports suggest that the CH always dominates the CDL, with a
Gouy−Chapman-like diffuse layer in an aqueous electrolyte
established above a certain minimum ion concentration of
around 1 mM [31]. εr−H is the permittivity of the Helmholtz
layer, zc is the ion charge (4 for O2 reduction reaction), ϕM is
the potential applied to the electrode, Ut = RT /F = kBT /q
is the thermal voltage (∼26 mV), R = 8.314 J (K·mol)−1

is the universal gas constant, F = 96,485 C mol−1 is the
Faraday constant, kB is the Boltzmann constant (1.380649 ×
10−23 J·K−1) and T is the temperature, which is 298 K at
room temperature. dH is the thickness of the Helmholtz layer,
which is ∼3-10 Å. This is the closest distance of a hydrated
ion to the electrode surface, since the radius of hydrated Na+
and Cl− ions is 3−4 Å and the diameter of a water molecule
is ∼3 Å [31]. The Debye length LD can be found by

L D =
�

εoεr−GCUt

2n0z2
cq

, (7)

where q is the charge (1.602 × 10−19 C) and n0 is
the bulk number concentration of ions in the solution
(9.3 × 1025 ions/m3). The permittivity of the entire double
layer is considered to be constant and equal to the bulk elec-
trolyte. However, the high electric field within the Helmholtz
layer reduces that from 78 to 4-14 [31]. These lead to a
CH of 12 μF/cm2 [31]. Contrary to a standard capacitor,
the capacitance is a function of the applied electrode potential,
among other factors. Since CDL does not behave like a perfect
electronic capacitor, an empirical relationship has been derived
to model it. This is known as the constant phase element
(CPE), that is defined as

ZC P E (ω) = 1

( jω)α Q
, (8)

where Q is referred to as the CPE parameter, which has no
real physical meaning and has units of S·sα , where s = jω,
and α is a constant (0 ≤ α ≤ 1), referred to as the CPE
exponent. When α = 1, ZCPE behaves like a perfect capacitor,
when α = 0 it behaves like a perfect resistor and when
α = 1/2 it represents an impedance with a 45◦ constant phase
independent of frequency, known as the Warburg element used
to model diffusion-limited processes. The Warburg diffusion
element magnitude is, however, inversely proportional to the
square root of the frequency. More information about the
Warburg element can be found in [32], [33]. Thus, depending
on α, the phase delay of the CPE is constant with a value of
−90◦ · α. Care must be taken as in some sources, Q is within
the brackets in (8).

Electrode materials can be categorized into two main
groups. Electrodes that do not allow the passage of charge
carriers through the interface are termed as polarizable or
non-faradaic electrodes. This means that there are no faradaic
reactions (reduction or oxidation) taking place on the elec-
trode and thus have a strong capacitive behavior restricting
charge transfer through the interface [34]. They also have a
high charge transfer resistance, RCT, and consequently, these
electrodes lead to a very high interface impedance at low
frequencies. With such electrodes there is thus no actual charge
flow at the interface when applying a voltage, but rather a
change of charge distribution associated with a displacement
current [35]. Noble metal electrodes, such as Au and Pt are the
closest to an ideal polarizable electrode. As discussed in [30],
for Pt, charge transfer arises from the electrolysis of H2O and
the reduction of O2 according to 2H2O ↔ O2 + 4H+ + 4e−.
At equilibrium, the potential of the electrode can be found
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according to the Nernst equation at room temperature by

EM = Eo + 2.303
RT

nF
× pH = Eo − 0.05916 × pH, (9)

where E◦ depends on the reference electrode used and for
a standard calomel electrode (SCE) this is Eo = 0.987 V,
while for a standard Ag/AgCl electrode Eo = 0.577 V, and
n is the number of electrons involved in the reaction, which is
assumed to be equal to one. The 2.303 factor arises from the
conversion of the natural logarithm into the decimal logarithm
in terms of how the pH is defined. This dc potential is
often symbolized as a battery in series with the equivalent
RC circuit, and is referred to as the polarization potential,
half-cell potential or the battery effect [35]. This can be
a relatively large potential, with respect to voltages being
measured and can thus saturate an amplifier with a high
gain, while the dissimilarity of this voltage between ideally
identical electrodes, leads to common-mode voltage errors in
differential amplifier measurements [35].

Electrode materials that are easier to oxidize, allow rela-
tively freely the passage of current through the interface and
are termed as non-polarizable or faradaic electrodes, allowing
reduction and oxidation (redox) processes to take place. These
allow electrons in the conductor and ions in the electrolyte,
to interact and pass on the net charge [34]. Such electrodes
demonstrate a low RCT. The Ag/AgCl electrode is the closest
to an ideal non-polarizable electrode, where the AgCl layer
acts as buffer for direct charge transfer through redox-based
one-to-one exchange of electrons on the electrode and chloride
ions in the electrolyte [36]. Ag/AgCl electrodes are good for
skin measurements as disposable electrodes and not suitable
for implantation and long-term use, due to the rapid dissolution
of silver, while they can also be toxic. RCT is defined as

RCT = RT

nFio
, (10)

where n is the number of electrons involved in the electrode
reaction and io is the exchange current density [30], [37]. From
the above it is obvious that electrode interface impedance
is inversely proportional to the area of the electrode, thus,
its contribution to the measured impedance increases with
decreasing electrode size.

When measuring the interface impedance, unavoidably the
solution resistance, RS will also be measured. The value of this
depends on the solution conductivity, which for physiological
saline solution is σ =∼14 mS/cm, and the electrode geometry.
For round electrodes with a radius r , this is [30]

RS = 1

4σr
, (11)

and for square electrodes with a side length of l, this is

Rs = ln4

σπl
. (12)

The simple lumped equivalent circuit for the interface
impedance is shown in Fig. 2(b) and is thus comprised of
RS in series with the parallel combination of RCT with CDL.
At low frequencies, the impedance of the capacitance is
infinitely high and the current flows through RS and RCT,

as CDL acts as an open circuit, while at high frequencies
the impedance of the capacitor is infinitely small and it is
thus essentially a short circuit and the current flows only
through RS. Through knowledge of RS one can then obtain
RCT and these can then be used as initial values for the fitting
of the data to an equivalent circuit using dedicated software.
One option is the freeware EIS analyzer by Bondarenko and
Ragoisha [38] and the older LEVMW software by Macdon-
ald [39], while ZView from Scribner Associates, USA is
another popular commercial option. The Cole and Bode plots
of Fig. 2(c)-(e) were obtained with the former option using the
values for Pt and Pt black from [30], showing how one can
obtain the RS and RCT values. This is further corroborated
in the phase bode plot of Fig. 2(e) were at low and high
frequencies the phase is zero, demonstrating a purely resistive
behavior. It is important to note that in a Cole plot (Fig. 2(c)),
low frequencies are at the right-hand side of the plot and high
frequencies at the left-hand side.

In non-polarizable electrodes with a very low value of RCT
and a high equilibrium exchange current through the interface
the processes taking place at the interface are diffusion-limited,
and a Warburg element is placed in series with the RCT
to better model it. CDL for Pt electrodes has been reported
to be in the range of 0.545 F/m2, while RCT to be in the
region of 300 k� or greater [30]. A value in the range of
∼30 �·cm2 is often reported [30]. Other values reported
include an RCT between 40 and 290 �·cm2 and CDL between
12 and 47 μF/cm2 for PtIr electrodes [40] and 192 F/m2 for
Pt electrodes [41].

1) Electrode Cleaning: The electrode fabrication method,
impurities, adsorption of species on the electrode surface and
the cleanliness of the electrode surface play an important
role and will affect electrode interfacial properties [30], [42].
Electrodes should thus be cleaned prior to use or charac-
terization, either chemically or electrochemically. Chemical
cleaning of Au of Pt electrodes typically involves the use of
piranha solution (H2SO4:H2O2 3:1) and rinsing with DI water
to remove organic residues and ultrasonication in isopropyl
alcohol (IPA) and deionized water for 15 - 20 min, followed
by drying with nitrogen. Electrochemical cleaning by cyclic
voltammetry (CV) of Pt electrodes involves cycling between
−1.5 V and +1.5 V for 10 or more scans at a rate of 0.1 V/s in
a 0.1 nM KCl solution. Cycling between –0.2 V and +1.0 V
in 1 M H2SO4 can also be used. With Au electrodes cycling
between −1.0 V and +1.3 V is used for 12 cycles or more at a
scan rate of 0.1 V/s in 0.05 M H2SO4. Such electrochemical
cycling processes lead to surface atom reorientation and/or
changes of the metal-solution interface, that alter the electrode
electrochemical behavior. More discussions can be found
in [43].

B. Measurement of the Electrode Interface Impedance
Characterization and measurement of the electrode inter-

face impedance can be predominately done using impedance
measurements is a phosphate buffered saline solution (PBS).
Tablets, such as product P4417 from Sigma-Aldrich, USA,
in every 200 mL of deionized water can be used to obtain
PBS. One way to measure interface impedance is by bipolar
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measurements, where one electrode is the electrode that the
interfacial impedance of which needs to be characterized,
i.e., the working electrode (WE). The second electrode, known
as the counter electrode (CE), needs in this case to be signif-
icantly larger in area than the WE to ensure that its interface
impedance is negligible compare to that of the WE. Stainless
steel and Pt sheets are often used as CEs [44], [45]. Apart from
the interface impedance of the CE being part of the measure-
ment, another issue with this is that it does not allow a stable
electrode polarization to be quickly achieved. This is experi-
mentally seen as a varying electrode interface impedance being
measured as a function of time, which eventually becomes
stabilized, at which point it can be used for measurement. Both
issues are overcome with three electrode measurements, as in
Fig. 2(f). An alternative is to use the same electrode as the WE
for the CE. The electrode impedance will then be half the
measured impedance after deducting the solution resistance.
The disadvantage of that is that two electrodes will never be
exactly the same, due to nanoscale defects altering their real
surface area. In the three-electrode cell, the third electrode
is the reference electrode (RE), a Ag/AgCl non-polarizable
electrode, that measures the solution bias potential, which is
used with feedback to ensure it is stable by supplying the
appropriate current through the CE. This is a classic three-
electrode system used with a potentiostat and provides the
most accurate and stable measurements for probing electrode
interface phenomena (Fig. 2(f)). The RE needs to be close to
the WE to minimize ohmic potential drops. The CE area still
requires to be larger than that of the WE (ACE =∼10 AWE).
Interfacial properties can also be probed using methods such
as CV and other approaches and variants (e.g. using redox
species) [46]–[48], but impedance spectroscopy in PBS is
typically sufficient for bioimpedance sensor characterization,
particularly since small excitation signals are used and thus
a linear relationship between voltage and current can be
assumed [31], [49].

C. Simulating the Electrode Interface Impedance in
FEM Tools

Numerical simulations using finite element method (FEM)
modelling have been used to model the electrode interface
impedance. Many different approaches have been applied to
do this, some of which are quite complex and covering them
in detail within this paper is not possible. We will thus discuss
them at a high level to provide an overview and pinpoint the
interested reader to the relevant sources.

In one approach, Poisson, Nernst-Plank and Butler-Volmer
equations are solved without applying electroneutrality and
Boltzmann distributions, as in [50] and [51] for simulating
the cyclic voltammetry response of nanoscaled electrodes. The
surrounding electrolyte was separated into two domains, one
representing the compact layer and the second for the diffuse
layer. The compact layer was separated into the IHP and
OHP. The plane of closest approach (PCA) for all the ions
is the OHP and is the position of electron transfer (PETr).
Adsorption and electrode roughness are ignored. Within the
compact layer there is thus no ionic flow and transport and
the Poisson equation is sufficient to model the electrostatic

problem within this layer for a charge density of zero (ρ = 0)

∇ (εoεr∇V ) = −ρ. (13)

Within the compact layer, εr varies progressively. A smooth
and continuous profile for εr within the compact layer can be
achieved by using a hyperbolic function within the IHP and a
cosine function within the OHP, followed by a constant value
within the bulk electrolyte and the diffuse layer [50], [51].
If the electrode is circular with a radius of ro, the IHP extends
up to ro + l1 and the OHP up to ro + l1 + l2, then

εr =

⎧⎪⎪⎪⎨
⎪⎪⎪⎩

ε1 cosh2 [S1 (r − ro)] , ro ≤ r ≤ ro + l1

ε2 cos2 [S2 (l1 + l2 + ro − r)] ,

ro + l1 ≤ r ≤ ro + l1 + l2

ε2, ro + l1 + l2 ≤ r,

(14)

where ε1 is the permittivity of the electrode material, ε2 of
the solution and S1 and S2 are constants ensuring continuity
between the IHP and OHP at l1. The values used for these
variables in [50] are ε1 = 6, ε2 = 78, S1 = 3.6, S2 = 3.05,
l1 = 0.4 nm, l2 = 0.3 nm. Beyond the OHP within the elec-
trolytic domain, both electrostatics (using the Poisson equation
above) and electrokinetic flow need to be considered as both
electron transfer and ion transport are involved. To achieve
this, a ρ that is determined by the concentration (ci) of ionic
species (i) and charge valence of ions in solution (zi) is
considered: ρ = �

i zi ci . As discussed in [50], due to both
the electric field and the concentration gradient, ionic mass
transport is governed by both diffusion and electromigration
(convection is ignored), described by the Nernst-Plank equa-
tion

∂ci

∂ t
= Di∇2ci + zi F

RT
Di ci∇V , (15)

where Di is the diffusivity of species i and t is the time. These
are solved by considering a solution with an electroactive
reactant species (thus reduction and oxidation and a faradaic
current are considered), a pair of excess electroinactive cation
(A+) and anion (B−) which constitute the supporting elec-
trolyte, and a counter ion (Ct, that can either be positive
or negative with a concentration 1 to 3 times the reactant
ion, Oz, at a concentration 100 times that of the reactant).
The diffusivity and concentrations of these considered in [50]
were DO = DR = 1 × 10−9 m2/s, DA = 1.33 × 10−9 m2/s,
DB = 2.03 × 10−9 m2/s, DCt = 1 × 10−9 m2/s, cb

A =
cb

B = 500 mol/m3, cb
O = 5 mol/m3, cb

R = 0 mol/m3

and cb
Ct = |z| cb

O for z = {−3, −2, −1, 1, 2, 3}. At the
PETr, the redox event for the reactant ion is described by the
following generalized reaction

Oz + e−
k f

↔
kb

Rz−1, (16)

where Oz is the reactant species in its oxidized form, Rz−1 is
the reduced species, kf is the reduction and kb the oxidation
rate constants. The rate constants according to Butler-Volmer
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kinetics are calculated according to

k f = k0ex p

⎡
⎣−

αF
�

Et − V − E0��
RT

⎤
⎦ (17)

kb = k0ex p

⎡
⎣ (1 − α) F

�
Et − V − E0��
RT

⎤
⎦ , (18)

where k0 is the standard electron transfer rate, αo is the charge
transfer coefficient, Et is the electrode potential, V is the
potential at the PETr and E0’ is the redox couple standard
potential. The values used as constant in [50] were E0’ = 0 V,
k0 = 10 m/s and αo = 0.5. The dynamic current flux at the
PETr is defined by

j f = − jb = k0ex p

⎡
⎣−

αF
�

Et − V − E0 ��
RT

⎤
⎦

× cO − k0ex p

⎡
⎣(1−αo) F

�
Et − V − E0 ��
RT

⎤
⎦ cR . (19)

A similar approach where the individual layers of the
interface are modelled by applying the appropriate boundary
conditions at different distances from the electrode surface
(at 0.3 nm for the Helmholtz layer and further away for
the Gouy-Chapman layer), was followed in [52]. A detailed
modeling approach for the double layer was described in [53],
which is however beyond the scope of this paper.

To model the double layer the following Robin boundary
condition was applied in [41], which is a linear combination of
Dirichlet and a Neumann boundaries. This contact impedance
boundary condition is used as the electrode is much larger than
the double layer and it is thus a simpler means (computation-
ally) to model the interface, rather than defining domains that
are much smaller and thus require significantly smaller mesh
elements. This is defined as

J ∗
0 = −σ ∗∇V ∗

0 = ( jω)α QDL�V ∗
DL, (20)

where α and QDL have the same definition as in (8),
V ∗

DL = V ∗
E − V ∗ is the potential across the double layer,

V ∗
E the applied electrode potential and V ∗ the potential at the

double layer bulk interface. This formulation, thus, takes into
account the CPE characteristics of the interface. This is a thin-
layer approximation. This approach can nowadays be easily
implemented in Comsol Multiphysics through the contact
impedance boundary conditions as a thin layer (entering the
properties of the material together with the layer thickness)
or as a surface impedance (entering the impedance properties
of the thin layer directly). A similar approach has been used
by approximating the double-layer to be 1 nm thick in total
and with uniform thickness and electrical properties in [54].
Another approach involves the modelling of the interface as
a lumped RC equivalent circuit based on experimental values
and incorporating this into the FEM model. In [55], this was
modelled as a 192 pF (0.271 F/m2) capacitor.

Modelling the interface impedance is important when mod-
elling in FEM tools a part of the body and there is a need

Fig. 3. Simplified equivalent circuit of a tetrapolar measurement
arrangement. For a bipolar measurement points B and C are moved
to points A and D and there are no ZDL-B and ZDL-C, while Zint-A-B and
Zint-C-D are parts of Zx. VCM is the common-mode voltage. Adapted
from [9], [18], [56], [57].

to incorporate all aspects of the measurement, the different
tissues etc., to model the impedance response being measured,
to evaluate the voltage across the current injection electrodes
and the potential across the voltage measurement electrodes,
as a means of understanding what is being measured and
to obtain rough estimates of the design specifications for
the electronics. The double layer impedance is not typically
implemented in models targeting the optimization of the
electrodes, in terms of their geometry, which is most often
performed in homogeneous and isotropic volume conductors
for simplicity. In fact, it is assumed that the double layer will
not affect the current density profile significantly within the
volume conductor and it can thus be ignored in this type of
simulations.

D. Reduction of Electrode Interface Impedance
1) The Need for Lower Interfacial Impedance: Reducing elec-

trode contact impedance is of paramount importance. Fig. 3
illustrates the equivalent circuit of tetrapolar measurements [9],
[18], [56], [57]. Ideally, all double layer impedances (ZDL)
should be equal if all electrodes are of the same geometry,
but this is not the case leading to common-mode errors. Z int
is the impedance seen between an injecting and a measuring
electrode (A-B and C-D, see Fig. 3 and 4) within the volume
conductor. In bipolar electrode systems, interface impedance
reduction reduces the contributions of the electrode interfacial
impedance (ZDL−A and ZDL−D in Fig. 3) to the total measured
impedance and thus lower frequency impedance measurements
can be accommodated. In tetrapolar impedance measurements,
as discussed, the interface impedance is not measured. How-
ever, in all cases, whether the impedance is contributing to
the measured impedance or not, it will always be part of
the entire measurement system, as shown in Fig. 3. The ac
current source that injects the current into the system will
see both in bipolar and tetrapolar measurements, the interface
impedance (ZDL−A and ZDL−D in Fig. 3, corresponding to
the circuit of Fig. 2(b)) at the two electrodes between which
the current is injected. This forms a big part of the current
source load impedance. The value of the load impedance
(ZI−L = ZDL−A + ZDL−D + Z int−A−B + Z int−C−D+ Zx) at the
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Fig. 4. Top (left) and side (right) views of coplanar electrode arrangement
with parallel electrodes: (a) bipolar and (b) tetrapolar. (c) Point electrode
approximation on a semi-infinite half plane.

lowest frequency of interest (because this is where the interface
impedance will be maximum), times the injected current (I ),
defines the minimum required voltage swing possible at the
output nodes of the current source, i.e., the output voltage com-
pliance. If this is not met, the output current will be distorted.
This of course depends on the power supply of the current
source, among other parameters. Consequently, keeping the
interface impedance small, allows larger current injection for
a set power supply and thus higher signal to noise ratio
(SNR), or for a set current amplitude, a lower power supply,
and thus lower power consumption. In order for the current
source to deliver the required current, its output impedance
(RI−o//CI−o) needs to be significantly greater than the load
impedance throughout the bandwidth of interest. As the ZDL’s
form the biggest part of ZI−L, reducing them will allow greater
accuracy in the injected current and relaxes the design specifi-
cations for the current source. In addition, across the injecting
electrode interface impedance, there will be a potential drop.
The greater the interface impedance, the greater the potential
drop, thus limiting the voltage signals across Zx and thus
imposing constraints with regards to SNR, amplification and
bandwidth to the front-end voltage recording amplifier. The
potential difference of course will be the same for a set current
and load being measured, but the individual signals at each
amplifier terminal will be smaller. Ideally the input impedance
(RV−i//CV−i) of the instrumentation amplifier (IA) measuring
the potential difference of the voltage measuring electrodes
needs to be infinite across the bandwidth, to ensure no current
flows through these electrodes. In reality this may not be the

case, leading to measurement errors and thus a potential drop
across the interface impedance of the voltage measurement
electrodes. The smaller their interface impedance, the smaller
this error will be if there is a current flow, further ensuring that
the amplifier input impedance is sufficiently high. The large
voltage drop across the interface impedance further facilitates
undesirable electrochemical reactions at the interface that can
be harmful to biology [30], [58].

2) Noise: Large electrode impedance is also associated
with higher electrode noise, further reducing SNR [58]–[60].
Stochastic fluctuations in ion transport led to thermal noise.
At the electrode, the square magnitude of the thermal volt-
age noise (v2

n) is proportional to temperature (T ), electrode
impedance magnitude (|Z |), and spectral bandwidth (� f )
according to [36]

v2
n = 4kT |Z |� f. (21)

The random fluctuations in mass transport at the electrical
double layer, lead also to 1/f noise [36].

3) Motion Artefacts: Electrode movement relative to its
original location is translated into a measurable potential
change across the interface [61]. This is due to the induced
changes in the interfacial properties between electrodes and
tissue, that change the electrode half-cell potential and inter-
face impedance. Between electrode pairs, as the effect of
the mechanical perturbation can be different, this will lead
to a differential voltage signal appearing that will lead to
common-mode errors. These are termed as motion artefacts.
Polarizable electrodes, due to the higher interface impedance,
are more susceptible to them in addition to higher noise
levels [35]. The frequency components of motion artefacts are
typically below 20 Hz, which is well below the frequencies
typically used in bioimpedance applications and can thus
be easily filtered out [35]. Removal of motion artefacts can
be accomplished with time averaging and frequency analysis
based on filter banks or wavelet transforms or other methods
such as blind source separation or adaptive filtering [62].
Impedance measurements can be used as a means of mon-
itoring and filtering out motion artefacts [62]. It was found
in [62] that wet electrodes (lower interfacial impedance)
achieve a higher correlation between measured impedance
and motion artefacts than dry (higher impedance) electrodes
despite achieving larger impedance changes. Wet electrodes
demonstrated about half a decade smaller impedance variation
due to induced motions than dry electrodes [62]. Consequently,
keeping the electrode impedance small, relaxes the instrumen-
tation design specifications and allows measurements at lower
frequencies.

4) Methods for Interfacial Impedance Reduction: Many
different approaches have been developed to reduce the inter-
face impedance. The most popular approach involves the
electrochemical deposition of Pt black. There are many Pt
black deposition protocols described in the literature. Typi-
cally, a chloroplatinic acid solution (H2PtCl6) with either lead
acetate trihydrate (Pb(C2H3O2)2) [63]–[65], or lead nitrate
(Pb(No3)2) [66], or lead chloride (PbCl2) [67] is used and
electrochemical deposition is performed under ultrasonic agi-
tation [63]–[66]. The latter serves the purpose of removing
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weakly adhered Pt from the electrode surface, to obtain
mechanically stable electrodeposited films. Current-controlled
electroplating and a lead acetate solution is more common.
In our group we have used a solution composed of 12.5 ml
of chloroplatinic acid (8 wt. % in H2O, Sigma-Aldrich Prod.
No.: 262587), 2.5 μL hydrochloric acid (1 M, 1 N, Sigma-
Aldrich Prod. No.: 1.09057), 5 mg lead acetate trihydrate
(Sigma-Aldrich Prod. No.: 215902), which is then filled
with deionized water to reach 100 ml. A three-electrode
cell (Fig 2(f)) is used to deposit Pt black on the working
electrode for 120 sec with a current of 28 mA/cm2, allowing
interfacial impedance reduction from ∼1 M� to ∼1 k�, i.e.
three orders of magnitude [49]. The Cole and Bode plots of
Fig. 2(c)-(e) simulated using the experimental values reported
in [30] demonstrate the difference in impedance achieved with
Pt black deposition. Others have used larger deposition current
and shorter or longer times (300 mA/cm2 for 10 s. −5 μA
for 9 s) [5], [30], [65]. Potentiostatic deposition is also used
(−200 mV vs. Ag/AgCl for 100 s) [68], as is pulsed current
deposition (duty ratio of 5 ms:500 ms, peak current density
of 4.5 A/cm2, 480 cycles) [63].

Electropolymerizing poly (3,4-ethylenedioxthiophene) with
polystyrenesulfonate dopant (PEDOT:PSS), a conducting poly-
mer, directly on electrodes is another approach. PEDOT is
electrochemically stable and decreases electrode interfacial
impedances up to about two orders of magnitude [69], due
to an increase in surface area and the high ionic conductivity
of PEDOT. Galvanostatic rather than potentiostatic deposition
has been found to lead to more stable and uniform films [69].
A current density of 0.64 mA/cm2 with a deposition time in
the region of 300 s to 500 s was found to be ideal, as longer
times lead to overexpansion of the deposited film and unstable
films [69]. In [70], a current density of 100 μA/mm2 for
120 s was applied for the deposition of PEDOT:PSS, achieving
a reduction of electrode impedance greater than 2 orders of
magnitude; 8 μA/mm2 for 300 s was used in [68]. Neverthe-
less, Pt black can achieve smaller interface impedances [68].
Electrochemical cleaning of the electrodes is recommended
prior to plating, e.g. by injecting 500 μA for 60 s in deionized
water as in [5], or 750 μA for 5 s [71].

A third method involves the use of carbon nanotubes
(CNT). In [64], a CNT suspension was dropped on platinum
electrodes. These demonstrated reduced electrode interfa-
cial impedances when compared to Pt black-modified elec-
trodes. Alternatively, CNT suspensions can be deposited on
conductive electrodes via electrophoresis [72]. Single-walled
(SWCNT) and multi-walled CNT (MWCNT) suspensions with
an appropriate surfactant can be electrophoretically deposited
on electrodes using a two-electrode cell with applied dc
voltages between 5 V to 600 V, deposition times between
0.5 min to 20 min and electrode separation between 1 mm to
50 mm, as reported in [72]. In [73] the electrode impedance at
0.2 Hz became ∼2.7 times smaller following electrophoretic
deposition of MWCNTs on stainless steel electrodes. It was
reported in [74] that higher concentration suspensions and
larger voltages lead to more homogeneous films, with uniform
film thickness and higher film quality achieved with 10 μm
final film thicknesses.

Finally, the combination of CNTs and PEDOT:PSS has
also been proposed. Such composite coatings have been
found to outperform PEDOT, achieving greater reductions in
impedance, and greater surface area, conductivity and mechan-
ical stability [75]. PEDOT-CNT films achieved 1.29 times
lower impedance than just PEDOT films in [76], with the
former achieving 25% thicker coating for the same deposi-
tion parameters. In [75], PEDOT-CNT achieved four orders
of magnitude lower impedance than unmodified gold elec-
trodes. According to [77], PEDOT-CNT composite coatings
are more stable than PEDOT. Au electrodes with a 1 kHz
impedance of ∼8 M� achieved an impedance of ∼97 k�
with a PEDOT:PSS coating and a ∼90 k� impedance with
PEDOT-CNT coating [77]. The mechanical adhesion strength
of the CNTs on electrodes can be weak. In [78], this was
improved by using a thin coating of polypyrrole (PPy), another
conducting polymer.

Before moving onto the subsequent discussions, it is also
important to note that the pressure applied on the electrode and
tissue will also affect the interface properties, as well as the
measured impedance [79]. It is important thus to ensure that
the applied pressure is constant throughout the measurement
and that when comparing spectra between different samples
and conditions, the same pressure is applied. Ideally minimal
pressure should be applied (below 20 kPa) and monitored with
pressure sensors, to avoid the migration of extracellular fluid
and the decrease of tissue thickness due to compression [79].

E. Reciprocity and Sensitivity in Electrode Systems
In a four-port system consisting of four electrodes placed

on points A, B, C, and D on the surface s of an isotropic
arbitrary volume v, with a permittivity, εr, and conductivity, σ
(see Fig. 1 and Fig. S3 in the SI and Fig. 4(b)-(c)), reciprocity
applies, according to which injecting and measuring leads can
be interchanged without a change in measured impedance.
As derived in the SI, sensitivity (S) is defined as the dot
product of the current density distributions resulting from the
two reciprocal current injections, normalized by the product
of the two currents.

S = J1 · J2

I1 I2
, (22)

with units of 1/m4. S defines the contribution of each infinites-
imal point within the volume conductor to the total measured
impedance. Within the context of bioimpedance it was first
derived by [80] and was followed by the derivation and
generalization of [81], [82]. S is a vectorial dot product.
Consequently, it can have positive, negative and zero values,
based upon the orientation of the field lines resulting from the
two reciprocal solutions of the problem in each point within
the volume conductor. If the two vectors (J1 and J2) are
perpendicular to each other, then S = 0 and if there is an
impedance change within this region, no change in measured
impedance will be registered. If the vectors are at an angle
less than 90◦, S is positive and an increase in impedance in
that region will be indeed measured as an impedance increase.
This is not the case, however, when the angle between the two
vectors is more than 90◦, which leads to a negative S. Within
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such areas, if there is an impedance increase, it will be detected
as a decrease in impedance and vice versa. The magnitude of
the sensitivity indicates how much each point contributes to
the total measured impedance. It is thus essentially a gain
factor. The S distribution of an electrode arrangement should
thus be known to be able to interpret measurements for a
particular application. In addition, it can be used as a means
of optimizing the electrode system to achieve high sensitivity
to regions within the volume conductor, where detection
is to take place. Ideally, negative sensitivity regions should
be minimized, as they can lead to erroneous interpretation
of results and can even shadow events of interest. Bipolar
electrode systems have only two electrodes; points A and D
coincide with points B and C and thus the two electrode pairs
are reduced to one, as in Fig. 4(a). Consequently, the dot
product in S is the square of the resultant current density,
which will always be positive.

Sbipolar = J 2
x + J 2

y

I 2 . (23)

It is important to note that the integral of S is what is known
as the geometrical cell constant (CC).

In the following discussion we will primarily deal with
microscale electrodes fabricated on a common substrate, that
are coplanar and parallel to each other. The arrangements
studied here are thus suitable for regional small volume
impedance measurements more relevant to implantable and
wearable applications. Nevertheless, the methods and analysis
used are applicable to any electrode arrangement.

F. Depth of Investigation
The sensitivity theorem has been extensively applied in the

field of dc resistivity imaging for geophysical prospecting.
Significant work was done to obtain and optimize the depth
of investigation of electrode arrays, defined as the distance
over the plane of the electrodes up to which the electrode is
sensitive or most sensitive. In bipolar electrodes this has been
defined as the depth where most of the current is confined. This
has been exploited in [83] for the optimization of interdigital
electrodes for bacterial detection, by confining 90% of total
electric field strength below a distance of 5 μm from the
sensor surface using FEM simulations. The same approach
was followed in the nanoscaled interdigitated electrode array
for biochemical sensing of [84] and in [85], [86] using an 80%
threshold and conformal mapping (CM) simulations. As it was
shown in [85], [86], the field confinement over the middle
of the electrode array saturates fast as the electrode width
increases demonstrating that W does not influence as much
the field confinement. This is not the case with the separation
between the electrodes, that demonstrates a linear relationship
with depth of field confinement. Similarly to E , the bipolar S
can also be used. The two approaches have been compared
in [87], indicating the former approach results in a more strict
condition for the depth of investigation, leading to electrodes
with a smaller electrode distance.

In tetrapolar arrangements, this has been defined as the
depth over the electrode plane at which an infinitely thin
and long obstacle, provides a maximum measurement of

impedance. If S is integrated along x , S with increasing z
distance from the electrode plane gradually increases, reaching
a peak value and it then gradually decreases towards zero [19],
[85], [87]–[90]. Consequently, the peak value can be used to
indicate the depth of investigation [85], [87]–[89]. Another
definition involves the median depth of investigation, defined
as the depth containing 50% of the total S. A more strict
condition is a 90% confinement as in [6]. The percentage of
the sensitivity to the total as a function of distance from the
electrode surface can be found by [18], [19]

zmedian =
� z=zmedian

z=0

� x=∞
x=−∞ S.dxdz� z=∞

z=0

� x=∞
x=−∞ S.dxdy

100. (24)

A similar approach has followed in [91] to establish the
sensitivity over specific volumes of interest and the contribu-
tion of different tissues to the total measured impedance as a
function of frequency.

G. Bipolar Impedance Sensors
The simplest way to measure electrical impedance is to use

two electrodes, as in Fig. 4(a). One of the electrodes can be
used as a ground electrode or preferably, the ac signal applied
to that second electrode should be 180◦ out of phase of the one
applied at the other electrode. Thus, this involves a differential
excitation. The dc voltage on each electrode should be the
same, to apply a zero net dc signal to the biomaterial under
study (BUS).

The geometry and arrangement of the electrodes dictates
the distribution of the electric field and thus which areas of
the BUS are contributing to the measured impedance. The
scenario of two electrodes facing each other with the BUS
between them is well known, as it resembles a parallel plate
capacitor with a largely homogeneous electric field around the
central part of the electrodes and fringing field at the electrode
edges. Such a scenario would be of interest for example when
using large electrodes to measure bulk tissue properties and it
has been used in impedance cell cytometry.

What is of particular interest is the electric field properties
of coplanar electrodes. Most often these electrodes are sub-mm
and are of interest for wearable and implantable applications,
but also for biosensing. The electric field penetration above
the electrode plane and within the volume conductor greatly
depends on the separation of the electrodes [22], [85], [86].
The dependence of the electric field distribution on the elec-
trode width is weaker. The length will influence how much
BUS within the BUS depth defined by the electrode separation
is interrogated. This has been studied with both numerical and
analytical methods. FEM modelling is a powerful numerical
approach for electromagnetic simulations, nevertheless, if the
problem is simple enough, analytical approaches can be used
to study them and to provide equations that can allow a greater
insight into the problem, as by just reading the equation or
simply solving it by varying just one parameter, one can see
how each parameter influences the electric field.

1) Point-Electrode Approximation: This has been approached
largely by two methods in the literature. Both are for 2D
modelling of the problem. One involves considering the elec-
trodes as simple point sources. This is a simple and insightful
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approach, but since it does not consider the full electrode
geometry, in particular the electrode width, it is problem-
atic when optimizing the separation between electrodes [5],
[18], [92]. The point-electrode approximation is thus useful,
when the electrodes are small and the separation between
electrodes is to be kept relatively large to interrogate large
portions of the BUS. This will be discussed in more detail in
subsequent sections and in the SI.

2) Conformal Mapping: Another approach involves the use
of conformal mapping (CM), where a complex problem is
mapped into a geometry that is much easier to charac-
terize mathematically and to solve the equations of inter-
est [84]–[86], [93]–[98]. Its use is predominantly limited to 2D
homogenous and isotropic half- spaces. The solution can then
be back transformed to the original geometry allowing thus
analytical mathematical expressions to be obtained for further
numerical optimization. This can be useful when the distance
between electrodes is to be kept small and small regions of the
BUS are of interest. Under CM, Laplace’s equation remains
invariant, while the orthogonality between potential and flux
lines remains. The Schwarz-Christoffel transformation for
polygonal boundaries is often used. Derivations and detailed
discussions on the equations and use of the transform are
elaborated in the SI and discussed in summary below. Let
us consider two coplanar electrodes, parallel to each other in
a semi-infinite Cartesian half-space, with the x-axis extend-
ing between ±∞ and the y-axis between 0 and +∞. The
length (L) of the electrodes is considered much larger relative
to the electrode width (W ) and separation (D), to consider
the model in 2D, as in Fig. 5(a); the electrode thickness is
considered negligible. To evaluate the electric field (E) and
current density (J ) and obtain analytical expressions for these,
the half-space is mapped into the interior of a rectangle, as in
Fig. 5(b). If in the original space, the electrode lied between
±D/2 and ±(D/2 + W ), by normalizing the place by D/2 it
now lies between ±1 and ±1/k, with 0 < k < 1, where:

k = D

D + 2W
. (25)

The Schwarz-Christoffel transformation mapping the original
half-space into the rectangle becomes [98]:

z (t) =
t�

0

dt��
1 − t2

� �
1 − k2t2

� . (26)

This is an elliptic integral of the first kind [99]. In this
way, the electric field distribution is mapped from a coplanar
geometry (T-plane, Fig. 5(a)) to a parallel plate geometry
(Z-plane, Fig. 5(b)), with the two electrodes mapped to the
sidewalls of the rectangle and the entire semi-infinite half-
space mapped within it. As shown in Fig. 5(b), there is a
uniform electric field between the two electrodes, a problem
that is well known with simple equations characterizing the
electric field, allowing the simple calculation of the potential
at any point. In the original plane the electric field is equal
to the electric field in the transformed plane multiplied by the

Fig. 5. (a) The original semi-infinite halfplane and (b) the transformed
geometry. The flux and iso-potential lines in the transformed domain are
also shown. The location of the electrodes in both planes is in yellow.
Adapted from [87].

complex conjugate of the derivative of the mapping function:

Et = 1

2K (k)
· 1̄��

1 − t2
� �

1 − k2t2
� , (27)

where t = x + jy. The real part of Et gives the x-component
and the imaginary part the y-component of the electric field.
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Fig. 6. Examples of the sensitivity distribution (colour map) and field lines
for (a) W = 50 μm and (b) W = 300 μm. Variation of W and its effect to
(c) the integrated bipolar S (with respect to x ) and (d) 90% percentage
confinement of S.

In the T-plane, at x = 0, the field lines achieve maximum
volume penetration. At this point, the y-component of the
electric field is zero and if the potential at one electrode is
set to 1 V and to the other at 0 V, the x-component is equal
to:

Et x = Re (Et )x=0 = 1

2K (k)
�

1 + y2 + k2
�
y4 + y2

� . (28)

It is clear from this equation, that through k, the electric field
is directly related to W and D. The resistance and capacitance
between the two parallel facing electrodes can very easily
be calculated. Ohm’s law allows then the calculation of the
current, I , that can be used to calculate the sensitivity, S.
In the bipolar system, the two current densities in (22) are
equal J1 = J2 and thus, the sensitivity of the bipolar system
can be very easily obtained, and it is always positive, as shown
in (23). Electrode thickness can be accounted for by an
equivalent effective electrode width (We) approximation [93]:

We = W +
�

t

π

� �
1 + ln

�
4πW

t

��
(29)

In this way the effect of the electrode width and separation
can be investigated using analytical mathematical expressions.
Comparison with FEM simulations verify the accuracy of the
above expressions [85]–[87].

3) FEM: Of course, FEM simulations are more powerful and
can provide very accurate solutions. There has been a tremen-
dous advancement over the last 20 years in commercial FEM
tools and together with advancements in computation, their
use is simple, and is ideal for complex models and problems
that cannot be reduced and approximated in 2D. Using FEM,
the results of Fig. 6-7 were obtained by varying W between
25 μm and 300 μm (Fig. 6) and D between 100 μm and 1 mm
(Fig. 7). The peak sensitivity is at z = 0 and increasing W
decreases it. Within the values considered in these models,
with increasing W , there is a linear increase in the 90%
confinement height as defined by (24) (Fig. 6(c-d)). For an
increasing D, as evident from the inset of Fig. 7(c), S increases
and the 90% confinement height varies linearly (Fig. 7(c-d)).
This approach can be used to design any bipolar impedance
sensor, including interdigital sensors, with the appropriate
model in place of course.

A disadvantage of bipolar impedance measurements, par-
ticularly when measuring small impedances as is the case of
tissues, is that the impedance of anything between the voltage

Fig. 7. Examples of the sensitivity distribution (colour map) and field lines
for (a) D = 100 μm and (b) D = 1000 μm. Variation of the distance, D,
between electrodes for a constant W of 100μm and its effect on W (c) the
integrated bipolar S (with respect to x) and (d) the 90% confinement
height of S as a function of z.

measurement amplifier connected at the two electrodes, and
the sample contributes to the total measured impedance. This
will thus include, PCB/instrument parasitics, the impedance
of the leads/interconnects connecting the instrumentation to
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the electrodes and the electrode/BUS interface impedance. The
latter is the greatest contributor especially when the electrodes
are small and at low frequencies. The middle box in Fig. 3
represents a simplified equivalent circuit model of a bipolar
impedance measurement.

H. Tetrapolar Impedance Sensors
At low frequencies, tissue impedance is relatively small

(� to k� range) and is thus many orders of magnitude smaller
than electrode contact impedance (M� range). Due to the
significant difference in impedance, small changes in tissue
impedance may be impossible to be distinguished in bipolar
measurements. Thus, if tissue needs to be measured at low
frequencies, if the phenomenon being monitored is in the
bulk of the volume conductor and there is no interest on
electrode interface phenomena and if the absolute value of
tissue impedance needs to be obtained, tetrapolar measure-
ments are preferred. In a tetrapolar system there are four
electrodes, as in Fig. 4(b). Two are used for current injection
and two for voltage measurement. For the latter, a high input
impedance amplifier is used and thus there is (ideally) no cur-
rent flow through these electrodes and no voltage drop across
the electrode interface impedance. Consequently, as opposed
to bipolar measurements, the electrode interfacial impedance
is not being measured together with the tissue impedance.
As discussed in Section II.D1 and shown in Fig. 3, although
the interface impedance is no longer measured, it is still part
of the measurement system and creates challenges for the
instrumentation [44], [45].

Typically for classical bioimpedance measurements
electrodes are arranged on the body at specific locations
based on the application (see e.g., discussions on impedance
cardiography in the SI and Fig. S1). Nevertheless,
in miniaturized electrode arrangements, electrodes are in the
same substrate and are thus coplanar, in close proximity and
often arranged either in the corners of a square [3], [100],
or more often parallel to each other [12], [15], [45], [49],
[91], [101], [102], although circular arrangements are also
common [7], [103]–[105], as well as electrodes placed on the
sides of a cube [106] and other arrangements [107].

When parallel to each other, a number of different cur-
rent injection and voltage measurement arrangements can
be identified. These have been investigated primarily in the
field of geophysical prospecting and dc resistivity imaging
and the naming used below stems from this field. The stan-
dard approach involves the injection between the outer two
electrodes (A and D and in Fig. 4(b)-(c)) and measurement
between the inner two (B and C). We will identify this
as the Wenner/Schlumberger arrangement, although, strictly
speaking these names are used for specific electrode distances,
e.g., Wenner when the distance between electrodes is equal
(as in the simulation in Fig. 8(a)). Alternatively, injection can
take place between electrodes A and C and measurement
between electrodes B and D, in what is known as the Cross
arrangement, as shown in Fig. 8(b) [88]. Injection can also
be performed between adjacent electrodes A and B and
measurement between C and D, as shown in Fig. 8(c) [88].
This is known as the Dipole-Dipole arrangement. Choice on

Fig. 8. Different tetrapolar injection/measurement methods stemming
from the field of geophysical prospecting, when all electrodes are copla-
nar and parallel to each other. (a) The most common approach, known
as the Wenner/Schlumberger arrangement. (b) The Cross arrangement.
(c) The dipole-dipole arrangement. (d) Sensitivity along the x-axis over
the plane on the top surface of the electrodes (i.e., at z = T, where T
is the thickness of the electrodes, which in this example is set equal to
10 μm. (e) The integrated sensitivity with respect to x, as a function of z.

the arrangement and its optimization must be done based
upon application requirements. Sensitivity simulations and
comparison between the three arrangements have indicated



KASSANOS: BIOIMPEDANCE SENSORS: TUTORIAL 22203

that all arrangements have positive sensitivity regions between
electrodes B-C and negative between A-B and C-D, as shown
in Fig. 8(d). The integrated sensitivity with respect to x as a
function of z is shown in Fig. 8(e). According to these simula-
tions, the Wenner arrangement achieves the highest sensitivity,
with the steepest decrease along z. With the Wenner, the peak
sensitivity is located at 60 μm and with the cross at 70 μm.
The Dipole-Dipole has a negative sensitivity profile up to a
depth of 300 μm. Of course, the sensitivity plot over specific
points along x presents different characteristics so depending
on the application a careful examination of the sensitivity
over specific areas within the volume conductor should be
examined [88].

1) Point Electrode Approximation: If the electrode width is
much smaller than the electrode separation, thus interrogating
large volumes of tissue, the electrodes can be considered as
points, as in Fig. 4(c). The larger the electrode width and the
smaller their separations, the less accurate this approach will
be, but at least it allows an analytic mathematical expression
to be obtained providing insights into the effect of elec-
trode separation. This approach has been followed in [5],
[18], [19], [108], [109]. It can be shown (see the SI for
derivations) that if all four electrodes are next to each other
and on the edge of a semi-infinite homogeneous conductive
volume of conductivity σ , the potential difference between
the two voltage measurement electrodes is equal to

�V = VB − VC = I

2πσ

×
�

1

D2
− 1
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− 1
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As it can be seen from the above equation, the larger
D2 is and the smaller D1, the greater the potential dif-
ference between the voltage measurement electrodes and
thus the higher the SNR. The same approach was followed
in [18], [19]. The point electrode approximation was used to
establish an analytic equation for the depth of investigation.
As discussed in Section III.F, this can be defined either as the
depth were the sensitivity function peaks, at the median depth
(50% of the total S) or higher (e.g., 80-90% of the total S).
The integral of S along the x-direction can be found to be
equal to [18], [19], (31), as shown at the bottom of the next
page. The median depth of investigation is then [18], [19]
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The first bracket is half the distance between the injecting
electrodes A and D, and the second bracket is half the
distance between the voltage measurement electrodes B and C.
According to this simple equation, increasing the A-D sep-
aration leads to an increased depth of investigation, which
is further increased by decreasing the measuring electrode
separation.

2) Conformal Mapping-Based Approximation: Conformal
mapping can be used as an approach to take into consideration

the width of the electrodes and generate an analytic expression
for the tetrapolar S. The two sets of electrodes in the tetrapolar
system can each be modelled using the conformal mapping
approach described earlier and in Fig. 5 for two different
values of k, k1 and k2 as defined in (25). In this way the
two reciprocal current density distributions can be obtained
and through these S can be evaluated by obtaining an analytic
equation for it. This is however an approximation, as the effect
of the conductive electrodes of the second pair in the current
density distribution and current flow is ignored. The effect of
the second pair of electrodes to the current density can be
seen in the streamline plots of Fig. 8(a)-(c). As the current
travels close to the electrode plain and over the second pair
of electrodes, their conductivity will attract the current density
lines and distort the field. This effect will not be modelled by
this approach, leading to deviations to E , J and S close to the
electrode plain. Nevertheless, obtaining this expression allows
us to gain insights into the dependence of S to the geometry
of the tetrapolar coplanar and parallel electrode arrangement.
This was examined in [85], [87] and the obtained equations
can be found in the SI.

3) FEM: These analytic equations are useful to provide a
designer insight on how the various design variables will
influence the sensor response, but ultimately the FEM is the
way forward to properly model all phenomena and complex
geometries, which would be impossible to consider with such
analytic approaches. This can be done without considering the
sensitivity theorem and by simply varying the electrode geom-
etry or arrangement and investigating the effect of frequency
and conductivity/permittivity changes (e.g. of specific volumes
representing specific tissue sections/types or organs based on
anatomically accurate models) to the total simulated measured
impedance [6], [13], [14], [107]. Nevertheless simulations of S
allows us to obtain the contributions of specific volumes to the
total measured impedance and provide further insights into the
design of the electrode arrangement and into the interpretation
of experimental results and to optimize the design of the elec-
trode arrangement to provide higher sensitivity within tissues
and volumes of interest [6], [12], [91], [102], [110], [111].
It has been found that in electrodes placed at the corners of
a square, the negative sensitivity regions extend to a distance
over the electrode plane equal to half the electrode distance,
that S achieves a maximum value equal to 1/3 of the electrode
separation and that the average sensitivity over the electrode
plane is zero [90], [112]. These findings explain why tetrapolar
measurements are insensitive to electrode polarization and
more sensitive to tissue impedance. One approach to sim-
plify the design process that has been followed with FEM
simulations, is to keep the distance between injecting and
measuring electrode constant and to a minimum allowed by the
fabrication process. As the injecting and measuring electrode
separation D2 is reduced, the system approaches the char-
acteristics of a bipolar electrode arrangement, with negative
sensitivity regions gradually diminishing. This is advantageous
as it reduces the effect of negative sensitivity regions that
can perplex measurements and detection. By defining as a
depth of investigation the 90% confinement of the total S and
by keeping the separation between injecting and measuring
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electrodes (D2) constant, the depth of investigation (90%) was
found in [6] to vary linearly as a function of the measuring
electrode separation (D1), with a slope of ∼0.65.

As an example, here we will consider the implementation of
a tetrapolar electrode system of coplanar and parallel to each
other long electrodes. The electrode length is considered much
larger than the electrode width and separation and the system
is modelled in 2D. We set specific limits in the technology that
this fictional electrode array is to be implemented with. The
electrode thickness Telec is set to 10 μm, and the minimum
metal width and separation between different metal features is
set to 100 μm. To limit negative sensitivity regions, we set
D2 = 100 μm, which is the minimum allowed by the
resolution of this fictional fabrication technology. W is set
to the minimum, 100 μm, to have a small overall device,
and since W does not affect the field distribution as much
as D. The only free parameter is thus D1 ≥ 100 μm,
which is varied up to 1.4 mm. The sensitivity is calculated
in Comsol and data are extracted in steps of 1e−5 m in the x
and z axes for numerical integration. This is performed first
with respect to x and then with respect to z per 1e−5 m to
evaluate the cumulative total S as a function z and to calculate
from that the percentage to the total S and thus extract the
median depth of investigation and the 90% S confinement,
as defined in (24). These are shown in Fig. 9. As it can be seen
from Fig 9(a), with increasing D1 the sensitivity increases in
magnitude and the curve becomes wider. The peak (Fig. 9(a))
gradually moves further away from the electrode plane, as do
the median (Fig. 9(b)) and 90% (Fig. 9(b)) depths. The data in
Fig. 9(b)-(c) are the approximate values, as they were obtained
from simulated data extracted at a relatively large step size
of e−5 m due to the large volume of data. Comparing these
with the bipolar sensitivity plots (Fig. 6(b) and Fig. 7(b)) it
is clear that the S profiles of bipolar and tetrapolar arrays
are significantly different. Bipolar S continuously decreases,
(indicating a high sensitivity to interface phenomena), while
tetrapolar S increases reaching a peak value and then it
gradually decreases to zero. Depending on the application, one
can thus choose a value of D1 based on how far away from
the electrode plane detection of a physiological event is to
be performed. It has to be noted, that the strong sensitivities
seen in the plots of Fig. 8(e) and Fig. 9(a) close to z = 0
are due to the effect to the current density of the first pair
of electrodes from the second pair of electrodes, as due to
their high conductivity they will distort the current path. These
could have important implications for a particular application
and point electrode approximations ignoring the thickness and
material properties of the electrodes will not reveal these.
It should also be highlighted, that the sensitivity plot shown
here vs z, are integrated with respect to x . The sensitivity plots
over the x-axis and at different depth are quite complex and

it is recommended that these are thoroughly examined first.
It should also be noted that in all sensitivity color maps the
range of values displayed have been manipulated to improve
the visualization of the sensitivity.

I. Focused Impedance Measurements (FIM)
Another technique that lies between four electrode mea-

surements and electrical impedance tomography (EIT) is what
is known as focused impedance measurements (FIM). The
various FIM configuration proposed in the literature are sum-
marized in Fig. 10. It was first proposed in [113] as two
tetrapolar electrode arrays perpendicular to each other over
a central point. The individual impedance measured by the
two electrode sets for the same value of injected current
are averaged to obtain a single value of impedance. FIM
allows focusing and enhanced sensitivity over the central point.
To calculate the S of a FIM array, the S values of the two
arrays are summed. To some extent the positive S of one of
the electrode arrays cancels the negative S of the second [114].
Nevertheless the two sets of voltage measurement electrodes
(4 electrodes) can be replaced by two electrodes placed on
equipotentials common to both arrangements, thus reducing
the total electrode count to six [113], [115]. Current of
the same amplitude, phase and frequency is differentially
injected into the two pairs of current injecting electrodes
through isolated current sources and the voltage is measured
by the two voltage measurement electrodes. FIM has also
been demonstrated with four electrodes located at the corner
of a square, where the second group of four electrodes is
obtained by shifting the connections by 90◦ [112], [116]. It has
been found that in eight, six and four FIM systems, the peak
sensitivity is located at a distance over the electrode plane
of about D2/3, where D2 is the distance between injecting
and measuring electrodes. Eight and six electrode FIM arrays
achieve a negative sensitivity region until about D2/2, while
the four electrode system up to D2/3 [112]. As discussed
previously, as injecting and measuring electrode separation is
reduced, the negative S regions are reduced as well, since
the electrode arrangement approximates a bipolar arrange-
ment. The peak sensitivity was closer to the surface for the
four-electrode system followed by the eight electrode system
and then by the six electrode system [112]. Increasing the
injecting-measuring electrode separation demonstrated a linear
relationship for all three FIM arrays for the depth location
of the peak sensitivity [112]. The six-electrode FIM produces
the most complex sensitivity distribution profile between these
three FIM arrangements, that is also not symmetrical, making
challenging the interpretation of data collected from volume
conductors with complex regional variations in electrical prop-
erties [112], [117]. A different variation of FIM was discussed
in [117], where eight electrodes where used, six as in the
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Fig. 9. In this example, the distance between injecting and measuring
electrodes (D2) is set constant and equal to 100μm and only D1 is varied
between 100 – 1400 μm. (a) Sensitivity integrated with respect to x as
a function of z. (b) Calculation of the percentage of ∫S.dx at different
heights with respect to the total sensitivity, ∫ ∫S.dxdy.

six-electrode FIM, plus two more mirroring the position of
the voltage measurement electrodes to balance the electrode
arrangement and provide a more symmetric focused zone.
In addition, the current injections between the two pairs
of injecting electrodes are simultaneous and not sequential
as in the other FIM arrangements, with a change in the
orientation of current being injected and using a different

Fig. 10. Different types of FIM electrode arrangements. Adapted
from [112].

TABLE I
DIFFERENT TYPES OF FIM ELECTRODE ARRANGEMENTS

set of the two potential measuring electrode sets. Both [112]
and [117] found the four-electrode FIM being advantageous
in terms of its sensitivity characteristics, which is further
supported by the fact that it requires less electrodes than the
other FIM arrangements. Various five-electrode FIMs were
proposed in [111], which achieved a reduced sensitivity to
motion artefacts. It has to be highlighted that the early works
presented in [90], [112], [114] were obtained using the point
electrode approximation and care must be taken in translating
these results into other applications. The above discussions
summarize the key points of FIM electrode arrays. More
detailed discussions can be found in [115].

J. A Useful Tip for Simulation Verification
When doing simulations, it is always important to ensure

the FEM or CM solutions and modelling approach are correct
and sufficiently accurate. For example, a mesh density analysis
should always be performed in FEM simulations. The mesh
should be optimized to a point where changes in its density
do not change significantly the solution. FEM models should
be used to verify solutions obtained from simplified analyt-
ical methods (CM or point electrode approximations). The
sensitivity theorem and reciprocity are useful tools to estab-
lish accuracy in tetrapolar electrode FEM simulations. The
impedance value obtained by dividing the voltage difference
between the two measuring electrodes and the current injected
between the second electrode pair should be the same in the
two reciprocal FEM solutions. These should also match the
volume integral (or surface in 2D models) of the sensitivity
multiplied by 1/(σ + jωε) according to (S12) that also gives
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the impedance, if the volume conductor is homogeneous,
or with the addition of the Z ’s calculated with the volume
(or surface in 2D models) integrals of S using (S12) in
domains with different materials. Ensuring reciprocity holds
in the models ensures model and solution quality with regards
to mesh density and boundary conditions.

K. Electrode Recessing
It has been observed that patients undergoing electrosurgery

suffered burns along the perimeter of skin-surface electrosurgi-
cal electrodes [118], [119]. Early investigations demonstrated
that the current density along the surface of electrodes is
highly non-uniform. It is enhanced strongly at the electrode
edges, while the inner area of the electrode, towards the
middle, collects significantly smaller portions of the total
current [118]. In fact, 50% of the total current is collected by
the outer 15% of the disk electrode [120]. This issue has also
been highlighted within the field of chronic electrical stimula-
tion in neuroprosthetics (e.g. cochlear implants) [121], [122].
In addition to tissue damage, corrosion of metal electrodes
has been reported due to electrochemical reactions taking
place, particularly at electrode edges, due to the higher current
densities, which push the metal over its corrosion limit [121].
This also leads to cutaneous pain, erythema, and skin burns
in external cardiac pacing and defibrillation, due to large
temperature gradients formed at the electrode edges [121].

Of course, the above are not relevant to typical bioim-
pedance measurements, as small sinusoidal perturbations are
used. However, they could be important in the field of
affinity-based impedimetric biosensors at very low frequen-
cies. These issues led to investigations over methods for creat-
ing more uniform current density distributions over electrode
surfaces [118], [120]–[125]. It was found that by recessing
the electrodes, current density uniformity along the electrode
surface improved and that the greater the depth of the recess,
the greater the achieved uniformity [87], [120]–[125]. Even
a small recess depth of even 1/10 of the electrode diameter
significantly improve the current density distribution [124],
as the theoretical singularity at the electrode edge is elim-
inated. There is a limit to the recess depth beyond which
no significant improvement can be achieved. With circular
electrodes, this is approximately one third of the electrode
radius [121]. Nevertheless, at the top of the recess, the current
density does not remain uniform, and some peaking is present
at the edges [122]. This becomes weaker with increasing
recess and is similar to electrodes without a recess, but the
current density is significantly reduced to safer levels. These
are verified by the FEM simulations shown in Fig. 11. Indeed,
as shown in Fig. 11(e) there are no significant changes in
the current density profile across the electrode surface beyond
recess depths of 30-40 μm for a 100 μm electrode. While
current density uniformity is achieved along the electrode
surface with increasing recess depth (Fig. 11(e)), at the top of
the recess, current density remains non-uniform (Fig. 11(d))
and recess depths beyond 10 μm do not seem to affect it
much.

To address this issue, various geometries for the sidewall
of the recess (that is the geometry of the insulating material

Fig. 11. Electrode recessing for more uniform current patters along
electrode surfaces for stimulation electrodes. The normal component of
the current density (Jnorm) of: (a) Zero recess. Only the top part of the
electrodes is in contact with the solution. (b) 50μm recess and (c) 100μm
recess. (d) Jnorm on the top of the recess. (e) Jnorm along the electrode
surface at the recess depth. (f) The integrated sensitivity with respect to
x as a function of z for recess depth of 0 - 100 μm.

surrounding the electrode) were also examined to produce a
radially varying recess. These included exponential, conical
and stepwise approximation to conical recessing methodolo-
gies [122], [125]. All three allow a uniform current density
profile across the electrode surface, however they generate
different profiles along the top of the recess (i.e., the aperture).
In the exponential recess, the current density peaks at the
middle of the electrode and is minimum at the edge of the
aperture. On the other hand, conically recessed electrodes
allow a uniform current density at the aperture. The stepwise
approximation to a conical recess leads to a complex profile
approximating that of the conical recess due to the sharp edges
present in the geometry, leading to a fluctuation between low
and higher current densities along the aperture. A three-step
recess approximates well a conical recess.

Electrode recessing is also beneficial in electrochemical
sensors, allowing reduced bio-fouling due to bovine serum
albumin and an extended linear range above the saturation
limit of the enzyme in glucose sensors, while it also protects
from mechanical damage the sensitive biosensing membranes
deposited on electrodes [126]. As reported in early develop-
ments of tissue oxygen sensors, sensor performance depends
on geometry and when an electrode is recessed the diffusion
field is restricted to the recess [127]. Electrode recess to
electrode diameter ratios of 1 or 2 can improve oxygen sensor
performance and sensitivity, with ratios of 10 being a limit
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to sensor improvement [128], while also improving sensor
stability and reducing sensitivity to motion artefacts [129].
Another advantage of electrode recessing and the more uni-
form current density along the electrode surface is that more
uniform electrochemical deposition will take place leading to
more uniform films of e.g., Pt black, PEDOT:PSS or other
materials electrochemically deposited on electrodes to e.g.,
reduce electrode impedance.

The disadvantage of electrode recessing is that there will be
additional voltage drops through the volume conductor along
the recess in all electrodes, as the electrode “access” resistance
is increased [125], thus reducing the potential at the measuring
electrodes and increasing the load seen by the current source,
further reducing the potential sensed at the voltage measuring
electrodes. To improve SNR, a greater injected current is
thus needed, provided safety limits are respected, leading
to higher power consumption [125]. The greater the recess
the greater the “access” resistance, however, a 90◦ sidewall
results in a greater increase of “access” resistance than a
45◦ sidewall [125]. In tissue applications, deeply recessed
electrodes (e.g., Fig. 11(c)) make difficult for electrodes to
achieve an ohmic contact with the tissue, unless a conductive
medium, like a gel or solution is added. Trapped air within
the recess during practical use of the electrodes will also
create measurement errors. Nevertheless, as mentioned earlier,
the recess depth is limited to a fraction of the electrode area,
and these issues are thus not very limiting. Finally, it must be
noted that manufacturing recessed electrodes, especially with
an exponential recess, can be somewhat more challenging.

As discussed in the SI, in many neuroprosthetic and other
applications, bioimpedance measurements are increasingly
used in combination with electrical stimulation, to assess tissue
damage due to chronic stimulation, electrode contact with
tissue, or electrode positioning and distance to tissue, as is the
case e.g. of cochlear implants [130]–[132]. It is also used to
monitor the electrode-tissue contact, scar tissue and biocapsule
formation around the implanted electrode array as these may
limit the efficacy of the stimulation and bioimpedance monitor-
ing allows optimization of the stimulus. Changing the current
density distribution over the electrode surface, will change it
also within the volume conductor, that in turn could change the
sensitivity distribution. Nevertheless, according to the simula-
tions shown in Fig. 11(f) regular electrode recess (Fig. 11(a)-
(c)) does not significantly alter the sensitivity distribution
in the equidistant coplanar electrode arrangement examined
here. Consequently, electrode recessing could be applied to
limit the previously mentioned issues related with stimulation,
without altering the sensitivity distribution and the electrode
array’s impedimetric properties. More work is required to
assess the effect of other recessing strategies discussed (radial,
exponential, conical etc.) together with electrode separation
and width to the sensitivity distribution.

L. The Issue of Selectivity
In impedimetric biosensors, to detect a specific biomole-

cule, biorecognition elements are used. Typically, antibodies,
aptamers, DNA fragments or synthetic imprinted polymer-
based binding sites are used, depending on the application.

Thus, if methods to reduce non-specific binding have been
applied, changes in measured impedance can only be due to
the target molecule. This bond is highly specific, strong and
largely irreversible. Consequently, these sensors are commonly
disposable sensors for one-off measurements, as replenishing
binding sites is challenging. The opposite is true for bioim-
pedance sensors. They can be used for continuous measure-
ment and to investigate transient responses and dynamics
of tissue properties and evolution, however, the measured
impedance change cannot be easily contributed to a spe-
cific source. Bulk, e.g., tissue properties, are measured and
variations of any of its constituents can contribute to mea-
sured impedance changes. Consequently, to pinpoint measured
impedance change to variations of a specific constituent, well
controlled conditions are required, where only one constituent
changes. Cell cytometry is one such example, where the
impedance is either that of a well-controlled solution or of
cells. Alternatively, if this is not the case or possible, additional
sensors must be used to corroborate impedance measurements.
One example is tissue ischemia measurements where measure-
ment of tissue pH, Na+, K+, lactate and glucose, as well as
near infrared spectroscopy (NIRS) can be used in conjunction
with bioimpedance measurements [133]–[135]. These are all
non-specific indirect markers or ischemia, but together they
provide a holistic analysis of tissue dynamics.

M. Recent Advancements in Bioimpedance Sensor
Realization

Standard thin-film microfabrication techniques can be
applied to pattern metals and polymers to create intricate sens-
ing systems that include bioimpedance sensors that are stretch-
able and skin conformable [1], [16], [136]. High-resolution and
high-quality devices that adhere to the skin with Van der Waals
forces have been achieved [137]–[139]. However, they require
complex fabrication protocols and high-cost infrastructure.
Consequently, there has been a drive towards, additive, clean
room-free manufacturing approaches.

Additive manufacturing approaches and unconventional
novel electrode materials play a crucial role in bioim-
pedance sensor realization. Ink and paste formulations
based on nanoparticles, nanowires, conducting polymers (e.g.
PEDOT:PSS, polyaniline, polypyrrole), as well as custom
conductive composites using elastomers, such as thermoplas-
tic polyurethane (TPU) and polydimethylsiloxane (PDMS)
mixed with conducting particles such as graphite, acetylene
carbon black [140], [141], CNTs, liquid metals [142], silver
nanowires [143] and microparticles [144], [145] can be used
to print electrodes, interconnects and circuits on flexible and
stretchable substrates. TPU, polyimide (PI) and polyethylene
terephthalate (PET) are common substrate materials [11],
as are temporary tattoo films and standard commercial trans-
parent medical dressing films (e.g. Tegaderm, 3M, USA). With
regards to elastomers, there is a wide range of options available
commercially that can be exploited based on the target device
characteristics, such as PDMS (Sylgard 184, Dow Corning,
USA), Elastosil (Wacker Chemie AG, Germany) and Ecoflex
(Smooth-On, USA). Some common examples have been com-
pared in [146]. Such elastomers can be modified or synthesized
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to demonstrate self-healing properties or good skin adhe-
sion [147], [148]. Printing methods commonly used include
inkjet [149], [150], screen [151], stencil, molding [140], [141]
and extrusion-based (that we have been exploring in our Centre
due to their simplicity) [152]–[154] and other 3D printing
technologies [155], [156], as well as roll-to-roll contact print-
ing approaches, such as gravure, flexographic printing [11]
and transfer printing methods. Another interesting and very
promising approach that we have been exploring is laser-
induced graphitization of polyimide films and the transfer of
the conductive structures on elastomers [157]–[159]. Laser and
blade cutters/plotters (a subtractive process) can also be used to
create electrode and sensor arrangements using metal, polymer
and elastomer films using spring-like serpentine/horseshoe
interconnect designs for stretchability [160], [161].

Hydrogels are another family of materials that are becoming
increasingly important for biomedical applications with adhe-
sive and self-healing characteristics and extreme stretchabili-
ties and that can have insulating or conductive properties [162].
Transient materials that are bioresorbable, are another class
of materials that can be used to create bioimpedance and
other sensors [163]. These materials can be used to create
implantable sensors that after a pre-programmed amount of
time, they dissolve and are absorbed by the human body
leaving no traces and causing no harm. The transience is
programmed passively by material properties, such as crys-
tallinity or material thickness for example, or actively and
remotely by inducing biocompatible temperature gradients that
may accelerate the process.

The use of commercial printed circuit board and flex-
ible printed circuit technologies is another approach that
has attracted interests, both for wearable sensors and point-
of-care analytical devices (Lab-on-PCB) [2], [133], [134],
[164]–[166]. The advantage of this technology is that an estab-
lished process extensively exploiting economies of scale and
scope for industrial level mass manufacturing using established
design rules, materials and processes can be used to realize
sensors that can be co-integrated with off-the-shelf general
purpose commercially available electronic components. This
allows the co-integration of sensors, electronics, and microflu-
idics. The choice of materials for electrodes is limited to Cu,
Ag, C, and different types of Au (immersion/electroless Au,
hard Au and soft Au) based upon the purity of the Au layer, its
thickness and deposition method [133]. Consequently, bioim-
pedance sensors have been realized using this approach [6],
[44], [133], as well as with emergent commercial stretchable
printed circuit technologies on TPU substrates [49].

Textile electrodes for physiological monitoring is a natural
evolution of clothing and thus have attracted interests. Con-
ductive yearns, e.g. stainless steel yarn, silver-coated nylon,
copper and polyamide/elastomer composites have been used
to realized wearable electrodes [8], [167]. Plating, dip-coating,
physical vapor deposition, polymerization of conducting poly-
mers, knitting, weaving and embroidery, inkjet, screen, and
stencil printing are used [168]–[171]. Roll-to-roll electro-
chemical fabrication of Ag/AgCl coated nylon yearns has
been demonstrated [172], and screen and stencil printing
and blade coating have been combined for wearable EIT

electrode arrays on polyester fabrics [173]. Along with silver,
PEDOT:PSS (with additional crosslinkers for improved prop-
erties) is playing a prominent role with textile electrodes as
well [171], [174]. Of course, with textile electrode integrated
into clothing, the ability of the printed electrodes to with-
stand multiple washing cycles for reusability is an important
factor [175]. Carbonization via pyrolysis is another approach
recently demonstrated with modal textiles [176].

IV. BIOIMPEDANCE INSTRUMENTATION

Of primary importance is initially a good understanding of
the phenomena being studied, which then allows proper design
of the bioimpedance sensor to be used. Having designed the
sensor and properly characterized to obtain electrode interface
impedances and range of BUS impedances to be measured,
then allows the development of the necessary instrumentation,
as only then are the full design specifications available for
the electronics, unless these can be obtained from previous
studies available in the literature. The subject of bioimpedance
instrumentation is extensive and impossible to cover in a
tutorial together with sensor design and electrodes. There
have been a few reviews on general instrumentation, dis-
crete and CMOS current sources, front-end design and signal
processing methods that the interested reader is referred to
for more detailed discussions [23], [27], [177]–[181]. Bioim-
pedance instrumentation can thus be made wearable, portable
and implantable, while also allowing integration into flexible
embodiments [4], [182]–[184].

A bioimpedance system is typically composed of a voltage
signal excitation (Fig. 12(c)-(f)), a voltage to current converter
that connects to the current injection electrodes of the bioim-
pedance sensor (Fig. 14), a voltage measurement front-end
connected to the relevant electrodes of the sensor (Fig. 15),
followed by back-end processing of the recorded signal, in the
analog or digital domains. Instrumentation can be developed
using individual blocks using commercially available chips,
but there are also complete impedimetric commercial chip
solutions. Alternative, full-custom CMOS chip design can be
exploited to create optimized and miniaturized application-
specific solutions.

A. Voltage Excitation
Depending on the application and the dynamics of the

tissue or phenomenon under investigation, single frequency
(Fig. 12(c)), swept frequency or simultaneous multifrequency
excitations (Fig. 12(d)-(f)) can be used. Most common is the
swept frequency measurements, useful for applications where
the time to complete the measurements serially within the
bandwidth of interest is not an issue. Frequencies linearly
or logarithmically distributed with a constant amplitude are
used. Benchtop signal generators [185], data acquisition cards
with analog outputs [2], microcontrollers, field programmable
analog arrays (FPGA) [186], direct digital synthesis (DDS) [6]
chips and phased-locked loops [183] can be used. High-speed
analog-to-digital (DAC) converters are needed, additional fil-
tering, a large memory and control circuits to implement dig-
ital solutions. Digital approaches may require lookup tables,
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Fig. 12. (a) Tapped resistor chain for sine wave approximation and the
generation of quadrature signals. Adapted from [190]. (b) Exploiting the
non-linear transfer function of a differential pair in weak inversion and
the conversion of a triangular wave into a sine wave, as illustrated also
by the plots on the right. Current-mode addition of the output currents of
multiple transconductors driver by different frequency signal to create a
multisine. Adapted from [192]. (c)-(f) Different types of voltage excitations
for driving the VCCS (V vs. t ). (c) Sine wave for single frequency at
a time measurement. (d)-(f) Multifrequency excitations: (d) Multisine
of 3 frequencies. Adapted from [192] (e) Chirp. Adapted from [185]
(f) Pseudo-random binary sequence.

polynomial methods, interpolation, recursive oscillators and
infinite/finite impulse response filters [187]–[189]. Alterna-
tively, an unevenly tapped resistor chain can be used to
approximate a sinusoidal waveform by switching between taps.
With appropriate switching, quadrature signals can be gener-
ated for synchronous demodulation front-ends (described in
Section V.C) [190]. This is illustrated in Fig. 12(a). A tunable
low-pass filter (LPF) is required tuned to the required output
frequency to filter the signal. On the other hand, analog imple-
mentations using programmable sinewave oscillators [191] or
wave-shaping circuits that use non-sinewave oscillators and
non-linear circuits [178], [192] (e.g. Fig. 12(b)) or filtering
[193], [194] can often lead to lower-power consumption and
smaller footprint solutions.

For multifrequency signal generation, useful in applica-
tions where the dynamic transience of the phenomenon being
monitored is important (e.g., flow cytometry, heart and lung
monitoring), the overall multifrequency signal amplitude needs

to be within safety limits, while ensuring a satisfactory
SNR and a low crest factor (CR). CR is defined as the
ratio of the signal’s peak value and its root mean square
(RMS). Multi-sine (Fig. 12(d)), chirp (essentially a swept
sine excitation, Fig. 12(e)), pseudo-random binary sequences
(Fig. 12(f)) such as maximum length binary sequence (MLBS)
and discrete interval binary sequence (DIBS) and Walsh
functions have been proposed as multifrequency excitation
signals [185], [195]. MLBS can be very easy to generate,
but the amplitude of each frequency component decreases
with increasing frequency and thus also the SNR, while
also containing frequency components that may not be of
interest. DIBS allows most of the energy to be distributed
within the frequency range of interest. Multi-sine signals can
achieve the greatest flexibility and lead to the highest SNR,
when compared to chirp and MLBS, and together with DIBS
lead to the most accurate measurements, according to [185].
Nevertheless, multisine signals can be more challenging to
generate. One approach, suitable for CMOS realization is illus-
trated in Fig. 12(b). This circuit exploits the non-linearities
of CMOS differential pairs operating in weak inversion to
convert a triangular wave into a sine wave. Using multiple such
circuits, sinewaves of different frequencies can be generated.
The output currents of these transconductors can be summed
at a common node to create a multisine signal, while the
voltage across the source degeneration resistor provides a
single frequency signal.

B. AC Current Sources
The maximum allowable current amplitude injected into

tissue is a function of frequency and has been defined as
100 μA from 0.1 Hz to 1 kHz, 100 f μA from 1 to 100 kHz,
and 10 mA for frequencies greater than 100 kHz, where f
is the frequency in kHz, [10]. A voltage controlled current
source (VCCS) is commonly used, which ideally has an infi-
nite (i) output voltage compliance and (ii) output impedance
throughout the bandwidth and (iii) no non-linearities. If (i) is
not high enough for the required current and the given tissue
impedance at that frequency, a distorted signal will be injected
into the tissue. If (ii) is not high enough relevant to the tissue
impedance, the amplitude of the injected current will not
be what was intended. This is also true for (i). (i) and (ii)
will lead to additional harmonic content that can include
frequencies of interest, leading to erroneous estimation of
the impedance. The output current, provided that the output
impedance of the current source is sufficiently high, will be
defined by the transconductance of the VCCS and the input
voltage signal amplitude. Consequently, tunning of the output
current (e.g., via feedback to ensure constant current amplitude
into the tissue irrespective of load and output impedance)
can be accomplished by tuning (or regulating in closed-loop)
either of these. An output impedance significantly greater
than the load impedance (electrode contact impedance plus
tissue impedance and parasitics) at each frequency should be
maintained within the bandwidth of interest. This ensures that
the amplitude of the injected current has the intended value
and that it is known. This removes the need for measuring the
current.
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Fig. 13. (a) A voltage divider with quadrature waveforms (I and Q)
applied across its terminals. (b) The capacitorless programmable phase
delay circuit proposed in [198] based on (a), that uses two quadrature
input signals and two transconductors to emulate a potential divider.
(c) Simulated waveforms using (a) and LTSpice for different resistor
ratios.

The phase relationship between measured and injected
signal can be important for impedance calculation (e.g. in syn-
chronous detection front-ends, see Section V.C below) and
thus the phase delay of the VCCS can lead to impedance
computation errors [196]. This phase delay can either be
compensated within the VCCS [197] or at the voltage front-
end electronics performing the computations, if the phase
delay at a particular frequency is known [192], [198]. This
will indeed be the case and a circuit such as the programmable
capacitorless phase delay circuit of Fig. 13 can be used. This
circuit is formed by two transconductors with their output
currents summed at a common node. Each transconductor is
a programmable resistor and the two are connected in series,
emulating two potentiostats, as in Fig. 13(a). Application of
two quadrature sinewave signals, which will typically be
available in a synchronous detection front-end (as discussed
in Section IV.C below), at each transconductor and increasing
and decreasing the transconductance of each by the same
amount leads to the tunning of the output sinewave phase and
a reduction in amplitude, as shown in the LTSpice simulations
of Fig. 13(c) using the circuit of Fig. 13(a). The latter is not an
issue, as for demodulation at the front-end, square waves are
typically used, obtained by comparators. Tunning is achieved
through the tail currents of the two transconductors. The input

Fig. 14. (a) Load-in-the-loop VCCS [199]. (b) The enhanced Howland
differential VCCS proposed in [195].

differential pairs can be designed to operate in weak inversion
to allow a linear relationship between transconductance and
current. The VCCS phase delay increases with frequency and
thus the high frequency performance of the phase delay circuit
is important, so as to not introduce additional phase delays.

Measurement of the current through sense resistors at the
output of the current source is an approach to ensure the
injected current amplitude is known and that the appropriate
reference signal is used for impedance (phase) calculations.
Differential current sources are preferred when possible,
to minimize the common-mode voltage across the load and
thus improve the instrumentation’s overall common-mode
rejection ratio (CMRR) [6], [195]. Decoupling capacitors
(CX = 1-10 μF, see Fig. 14(b)) are used for safety purposes
at the VCCS outputs to block dc current into the tissue.
The differential dc voltage across the current source termi-
nal should be zero. Load-in-the-loop [199] and differential
Howland current sources [6], [180], [195], [200] are the
most common approaches when using discrete components,
while for integrated realizations, operational transconductance
amplifiers (OTA) with feedback through current sense resis-
tors to regulate the injected current are often used [177],
[201], [202]. In the load-in-the-loop configuration, the tissue
(Z L) is connected to the amplifier output through a small
resistor Rsa f e and the virtual ground of the inverting terminal,
as shown in Fig. 14(a). The load is thus floating. As opposed
to the Howland circuit, the output impedance of the circuit is
not based on resistor matching. R f , Rsa f e and Rin contribute
to the output impedance of the circuit, as defined in [199]. The
injected current is defined by the ratio of the input voltage,
Vin , and Rin . Another VCCS circuit known as the enhanced
Howland current source, implemented with a fully differential
amplifier, is shown in Fig. 14(b). The following relationships
must be satisfied: R4 = Rx + R3 and R3 = R5. The output
current is then set by [195]

IO = (R4 + 2R1) Vof f set − R4Vin

R1 Rx
. (33)

An interesting observation from the previous discussions
and the electrode arrangements examined, is that as electrode
separation increases in bipolar arrangements, the volume being
probed and also the impedance being measured increase. Since
reciprocity applies, measurements can be performed using the
outer pair and injection using the inner pair of electrodes to
relax instrumentation requirements. This is since the load seen
by the current driver between the inner pair of electrodes will
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be smaller. This is beneficial for the current source and its
output impedance but also for the voltage compliance require-
ments. Depending on the contact impedances and electrode
distances, these could have an appreciable impact.

C. Voltage Front-Ends
The current injected will create a potential difference across

the voltage measurement electrodes. Electrodes are related to
an open-circuit dc potential due to their interfacial double
layer that can be large in value and can thus saturate the
voltage amplifier at the front-end. Decoupling capacitors are
thus often used, as in Fig. 15(c). The IA should have a CMRR
above 90 dB within the bandwidth of interest, e.g. 1 MHz [56].
In integrated implementations computation of the impedance
is often implemented in the analog domain.

1) Magnitude/Phase Measurement: As discussed previously
impedance can be described as a magnitude and phase. The
former can be simply calculated by measuring the recorded
voltage amplitude (using a peak detector or rectification
and low-pass filtering) and dividing this with the known
injected current (Ohm’s law). The latter can be calculated
by comparing the phase delay between the measured and
the injected (e.g., measured through a current sense resistor
to avoid delays of the VCCS and thus measurement errors)
signals with a phase detector. If these signals are square waves
this can be implemented using an XOR gate, an SR-latch
or a switch-based multiplier (chopper) [181], [203]. This is
illustrated in Fig. 15(a). A disadvantage of this approach is
that the two measurement channels are different, while the
nature of the output signals is also different (the magnitude
is a dc voltage, while the phase is given by a pulse width,
necessitating additional processing). Significant work has been
done towards digitizing and further processing the phase
channel [204]–[206]. The AD8302 gain/phase chip (Analog
Devices, USA) can be used with additional circuitry, as a
magnitude/phase measurement front-end [207].

2) Synchronous Sampling: A time-based method based on
sampling is synchronous sampling [24]. As the signal injected
and its frequencies are known, a discrete Fourier transform
is not necessary [24]. Sampling the measured signal at the
time points were the injected signal is zero and maximum,
allows the calculation of the real and imaginary parts of the
impedance, respectively, using a single channel [24], [208].
Doing so at both half-cycles of the recorded signal and
averaging the measurements allows elimination of the voltage
offset in the measurement channel [24]. This is shown in
Fig. 15(b). The high-pass filter (HPF) removes low-frequency
noise and other interfering signals that may be detrimental for
the subsequent sample and hold (S/H) step. In [24] this was
extended to multifrequency signals. Sampling at accurate time-
points and generating the signals to do so can be challenging,
particularly at high frequencies.

3) Synchronous Demodulation: The most popular approach
is known as synchronous demodulation where the recorded
signal is multiplied by an in-phase and a quadrature copy
of the injected signal to obtain the real and imaginary com-
ponent following low-pass filtering, as shown in Fig. 15(c).
The example waveforms shown are those obtain when the

load is purely resistive, in which case, the filtered (averaged)
output of the Im(Z) channel is equal to zero. The signal in
this way is demodulated to dc. If this is performed before
amplification, it relaxes the requirement of the IA with regards
to CMRR and bandwidth, but requires the amplifier offsets
to be compensated for. This can be done as in [196] by
using chopping to modulate the dc offset of the amplifier at
a frequency beyond the passband of the recording channel; as
proposed in [209], chopping and demodulation signals can be
combined in the first multiplication step. In addition, the filter-
ing function can be part of the amplifier, resulting to a compact
implementation. Demodulation and filtering essentially lead to
a high-quality bandpass filter characteristic and thus frequency
selection. When transient phenomena are studied, the settling
time of the filters used may need to be considered. Multi-
channel implementations allow simultaneous computation of
real and imaginary components at multiple frequencies [196].
Nevertheless, system complexity, power consumption and size
will increase. Accurate matching between the two channels
is needed, however both channels are the same and thus
the realization of this approach is simpler than others (e.g.,
magnitude/phase).

4) Oscillation-Based Test: Another instrumentation approach
involves the use of the bioimpedance being measured as
the impedance defining the oscillation frequency of an oscil-
lator. This has been implemented both with discrete com-
ponents [210], [211] and in custom CMOS [212], for the
monitoring of cell cultures using two-point measurements. The
frequency and amplitude of the generated signal depend on
the bioimpedance [210], [211], while magnitude and phase
information can also be extracted [212]. A bandpass filter,
a comparator and a circuit interfacing with the bioimpedance
(a current source [211], [212] or an operational amplifier,
OA [210]) can be used, arranged in positive feedback, as in
Fig. 15(d). Rin ensures the current flowing into the bioim-
pedance is in acceptable levels.

5) Bridge-Based Methods: Most benchtop instruments oper-
ate using the bridge-based method. This can be implemented
with analog, digital and mixed signal approaches [213]–[215].
The basic operation relies on the half-bridge, comprised of
the impedance being measured (Zx) connected in series with
a known impedance, typically a resistance (Rkn). A known
signal (Vkn) is applied at the load to be measured and
a second signal (Vtune) at the known load. If the currents
flowing through the two loads are not equal, an imbalance
voltage, Ve, appears at their common terminal. This signal
can be used to adjust the voltage signal (amplitude and phase)
applied to the known load (illustrated in Fig. 15(e) with an
orange arrow). When Ve = 0 V, then Vkn /Zx = Vtune/Rkn

[214]. Alternatively, Ve can be used to adjust the value of
Rkn (e.g. a digital potentiostat) to force the error voltage to
zero (illustrated in Fig. 15(e) with a red arrow), while in
another approach, the error signal can be subtracted by a
programmable signal set via feedback to force the output to
zero [213], [215].

6) Amplitude-to-Time Conversion: An alternative measure-
ment approach involves the use of amplitude-to-time conver-
sion (Fig. 15(f)). In this way both magnitude and phase can
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Fig. 15. Front-end architectures: (a) Magnitude/phase measurement front-end [181]. (b) Synchronous sampling [24]. (c) Synchronous demodulation
for the calculation of Re(Z) and Im(Z) [196]. (d) Oscillation-based topology [210]. (e) The half-bridge method [213]–[215]. (f) Amplitude-to-time
conversion [216], [217]. (g) The front-end amplifier for tetrapolar impedance measurements with benchtop impedance analyzers proposed in [45].

be time signals [27], [216]. Signals of different amplitude
intercept a reference signal of the same frequency at different
times. This time delay can be computed by comparators to
realize a simple and low power front-end [216]. Comparator
A and B convert the reference and the measured sinewaves into
square waves, respectively. These two can then be compared
as in Fig. 15(a) to obtain the phase, using e.g. a counter-
based zero-crossing check and methods discussed in [217] to
improve phase measurement accuracy. Comparator C detects
the intercepts of the reference and measured waveforms. The
time difference between comparator A and C output square
waves is proportional to the amplitude of the measured voltage.
More recently the same approach was implemented in [217].

7) Linear System Identification: In this approach, the mea-
surement of the bioimpedance is treated as an optimization
problem based on adaptive filtering, which is solved by finding
the minimum of a cost function [218]. The cost function
is defined as the least square error between the response
of a model and the measured bioimpedance. Its minimum
represents the optimal filter coefficients, which correspond to
an equivalent bioimpedance transfer function [218].

8) Other Digital Approaches: In addition to the above, digi-
tization following voltage measurement and amplification can
be used to process the signal and obtain the impedance in the
digital domain. Digital implementations of synchronous detec-
tion can be implemented, using e.g. microcontrollers [219],
but most commonly, the Fourier transform is used, e.g. using

undersampling [220]. Another approach is based on the Groet-
zel filter [221]–[223]. This essentially converts the discrete
time Fourier transform (DTFT) equation into a recursive filter,
that can be implemented by a second order infinite impulse
response structure that is split into two parts [221]. The first is
the recursive part with one real multiplication and the second a
feedforward path with one complex multiplication. The latter
is split into two real parts, requiring two multiplications. This
allows computation of the Fourier coefficients simultaneously
with sampling and thus no samples need to be stored and no
delays are added [221]. When compared to digital synchronous
detection, there is no need to store full sine and cosine cycles
for the demodulation and only three coefficients per bin are
needed (one for the recursive part and two for the feed-forward
part, i.e., for the real and imaginary parts).

9) A Note on Impedance Analyzers: Impedance analyzers
are powerful tools for the measurement and characterization
of electronic components, such as resistors, capacitors and
inductors, which are two terminal devices with infinitesimal
contact impedances involved when being measured (metal to
metal connections). Such instruments are typically available in
electronics laboratories and can be essential for characterizing
bioimpedance sensors, tissues and physiological phenomena
and thus for obtaining design specifications for electronics
development. When using commercial benchtop impedance
analyzers, it is important to investigate, whether the instrument
can perform accurate tetrapolar impedance measurements.
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Instruments such as E4990A (Keysight, USA) 6500B (Wayne
Kerr Electronics, UK) and 1260A (Solartron Analytical, USA)
using the balancing bridge method for measurement, cannot
achieve good measurement accuracy when there are large con-
tact impedances, as is the case in bioimpedance applications.
To circumvent this, additional front-end amplifiers can be used,
and a few solutions have been proposed in the literature. These
and other topologies, were recently proposed and compared
in [45]. A gain of 1 V/V is typically used and the amplifier
bandwidth, phase delay, noise and CMRR of the amplifier
are essential to ensure low measurement error. The Lcur and
Lpot terminals of the instrument are shorted together and the
amplifier output is connected to the Hpot terminal. The solution
proposed for this in [45], is shown in Fig. 15(g). Solartron
Analytical have a commercially available solution to mitigate
this issue, the 1294 Impedance Interface, which however limits
the instruments bandwidth.

D. Commercial Single Chip Solutions
There are two main single chip solutions that can be used

for bioimpedance measurements. One involves the use of
AD5933 (Analog Devices, USA), which however requires
additional circuitry (primarily a VCCS) and is limited to
100 kHz [224]–[226]. The other is the AFE4300 (Texas
Instruments, USA), that may not need a VCCS but needs
a number of passive components and is limited to 80 kHz
as it is originally designed for bioimpedance analysis (BIA)
weight scales [227], [228]. Both chips use a DDS. A third
solution is the MAX30002 (Maxim Integrated, USA) that
goes up to 130 kHz. Another single chip solution is the
AD5940 and AD5941 that can be used both for impedimetric
electrochemical sensing and bioimpedance measurements up
to 200 kHz, but use a voltage excitation requiring thus a VCCS
similarly to AD5933. Chips for electrocardiogram measure-
ment that have the capability for respiration measurement,
such as the ADAS1000 (Analog Devices, USA) perform the
latter through bioimpedance measurements and can thus also
be used. Another approach involves the magnitude and phase
measurement chip AD8302 (Analog Devices, USA) with a
bandwidth in the GHz range, that can be used as proposed
in [207] for bioimpedance measurements.

V. CONCLUSION

Electrical bioimpedance is a powerful noninvasive technique
for characterizing tissue and monitoring the evolution of their
parameters over time. The technique has found application
in a wide variety of biomedical applications. Bioimpedance
sensor design must be optimized based on the requirements
of the application. Typically, bipolar or preferably tetrap-
olar impedance measurements are used. The latter allows
eliminating from the measured impedance contributions from
the electrode/tissue interface impedances that dominate the
measured impedance at low frequencies and when small
electrodes are used. Proper electrode design entails the use of
analytical or numerical simulations for the optimization of the
geometry and arrangement of the electrode system used and
consequently of the electric field distribution generated within

the biosample. The sensitivity theorem plays an important role
in this direction.

In contrast to other physiological monitoring techniques
requiring the measurement of electrophysiological signals or
dc measurements of voltage or current, instrumentation design
is more complex as ac measurement are required over a wide
frequency range. In addition, a known excitation signal needs
to be generated and injected into the biosample. Impedance is
a complex number, with magnitude and phase, or equivalently
a real and an imaginary component and thus methods of
computing these are also required. When the output signals
are DC voltages, care must be taken to eliminate any voltage
offsets.

A disadvantage of electrical bioimpedance is that many
different processes in tissues or even the electrode contact
(particularly for bipolar measurements), can contribute to
the measured impedance. Simply put, it lacks specificity.
Nevertheless, it has tremendous potential in the field of
multiparametric physiological monitoring devices, particularly
for wearable but also for implantable applications, where
impedance measurements can corroborate other measure-
ments, such as, e.g., in tissue ischemia detection, where other
measurands (e.g., pH, Na+, K+, lactate, oxygen) can also
indirectly indicate its onset and evolution.
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