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A B S T R A C T

With the increasing need for multi-analyte point-of-care diagnosis devices, cell impedance measurement is a
promising technique for integration with other sensing modalities. In this comprehensive review, the theory
underlying cell impedance sensing, including the history, complementary metal–oxide–semiconductor (CMOS)
based implementations, and applications are critically assessed. Whole cell impedance sensing, also known as
electric cell-substrate impedance sensing (ECIS) or electrical impedance spectroscopy (EIS), is an approach for
studying and diagnosing living cells in in-vitro and in-vivo environments. The technique is popular since it is
label-free, non-invasive, and low cost when compared to standard biochemical assays. CMOS cell impedance
measurement systems have been focused on expanding their applications to numerous aspects of biological,
environmental, and food safety applications. This paper presents and evaluates circuit topologies for whole cell
impedance measurement. The presented review compares several existing CMOS designs, including the classi-
fication, measurement speed, and sensitivity of varying topologies.

1. Introduction

Biochemical assays are the most common method to observe cel-
lular variations. However, many of these assays result in cell death and
can only be performed at the end of the experiment. Impedance spec-
troscopy of whole cells does not require a label or tag and is capable of
monitoring cells' behavior in real time. It is also known as electrical
impedance spectroscopy, electrical cell-substrate impedance spectro-
scopy, or electrochemical impedance spectroscopy (Giaever and Keese,
2012; Gu and McFarlane, 2012; Xu et al., 2016; Yu et al., 2015).
However, electrochemical impedance spectroscopy implies the pre-
sence of a chemical reaction using a three electrode system that is vital
to the measurement. On the other hand, the focus of this paper is on
whole cell impedance measurements which are performed using only
two electrodes. The real-time impedance measurement of single cells,
or multiple populations, of cells can increase the useful information
extracted from an experiment. The ability to monitor a single cell is
dependent on the size of the electrode. Fig. 1. (a) shows the principle of
impedance spectroscopy, based on Ohm's law, and a typical cell model
(Fig. 1. (b)). A voltage source generates an electric field between two
electrodes. The presence, absence, and physical location of cells (or any
particle) between these two electrodes modulates the measured electric
field. This results in a change of the measured current (Giaever and
Keese, 1986). Alternatively, a current source can be applied and the
voltage measured. The two electrodes of the system are known as the

working electrode, WE, and counter electrode, CE.
Early cell impedance spectroscopy experiments used only standard

benchtop laboratory instruments. A time-invariant (DC) voltage was
applied to cells adhered to two planar electrodes (Ehret et al., 1998;
Giaever and Keese, 1986). The electrodes used in initial studies were
large and not made from good conductors resulting in high surface
resistance. Thus, the cell resistance was insignificant compared to the
electrode. Using AC signals alleviated the high currents and ionization
caused by DC signals. A significant resistance, 1MΩ in Giaever and
Keese, limited the current (less than 1 μA) applied at the electrodes.
Applied BioPhysics trademarked this technique of real-time cell mon-
itoring using impedance measurements as electric cell-substrate im-
pedance sensing or ECIS (Giaever and Keese, 1986).

All initial cell impedance sensing systems used benchtop in-
strumentation. A benchtop LCR meter with series resistance was ver-
ified that cell impedance increased with and was proportional to
changes in concentration, growth, and physiological state (Ehret et al.,
1998). A benchtop lock-in amplifier demonstrated cells response to
prostaglandin immediately but had a 2-hour delayed response to leu-
koregulin (Reddy et al. (1998)). As ECIS technology advanced, com-
mercial products have been developed by Applied BioPhysics, Micronit,
NuVant, and ACEA Biosciences Inc. (Applied BioPhysics Inc; Applied
BioPhysics Inc) (Micronit Microtechnologies Inc) (ACEA Biosciences
Inc; NuVant Systems Inc).

The benchtop instruments are connected to single or multiwall
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culture vessels which contain 2-dimensional planar conductive elec-
trodes. However, a reduction in instrumentation size and the promise of
high throughput has motivated researchers to harness the low cost and
small size of integrated circuits for portable applications such as med-
ical diagnosis and environmental monitoring (Wiest et al., 2006). The
successful implementation of a portable system requires the miniatur-
ization while maintaining a high level of robustness and accuracy. This
size reduction can be achieved by carefully studying the design of the
fluidics, readout electronics and implementing circuit efficiencies.
While portability and size reduction through integration is desirable for
reducing susceptibility to noise and interference, imperfections due to
reliability and fabrication defects may increase in the electronics.

Monitoring the spreading of cells can be a quantitative measure of
cell interaction with various macro and nanoparticles or substrates. It
can aid the understanding of organ function and influence advancing
tissue and organ printing technology. It can be beneficial for studying
neuronal networks to enable understanding of the mechanisms under-
lying how the brain operates.

Some cell-based biosensors use integrated CMOS based technology
to measure the biochemical changes of living tissue and convert them
into electrical signals (Corcoran and Rechnitz, 1985; Edmondson et al.,
2014; Racek, 1995). The advantage of CMOS is minimal power con-
sumption with the possibility of simultaneous temperature control and
miniaturization. Using smaller systems (Luo et al., 2016; Park et al.,
2019) such as those that use Arduinos to provide a sinusoidal excitation
signal and ADCs to read the data can lead to lower power consumption,
smaller dimensions, and improved matching of components and tem-
perature coefficients due to bulk batch production. There have been a
few review papers on biological sensing (Adiguzel and Kulah, 2012; Lei
et al., 2016; Li et al., 2017). Lei et al. investigated the transduction
mechanisms of CMOS devices for electrical, magnetic, optical, me-
chanical, and nuclear spin. Adiguzel et al. focused on capacitive CMOS
sensors and CMOS image sensors for applications such as cell viability,
cell counting, and DNA sensing. Li et al. presented a review paper for
the adaptation of CMOS based electrochemical measurements into

integrated microsystems. In contrast, this review paper focuses on
whole cell impedance sensing, its applications, limitations, and classi-
fication of the circuit topologies.

We present an overview of the development of cell impedance
measurements and the paper is organized as follows. The physics,
theory, and models underlying cell impedance measurement is dis-
cussed in section 2. Applications of cell impedance spectroscopy mea-
surements are discussed in section 3 and section 4 gives a brief over-
view of system packaging. CMOS based topologies for cell impedance
measurement are presented and compared in section 5. Finally, the
future outlook and challenges for these technologies are illustrated in
section 6.

2. Theory

2.1. Physics and models of cell impedance

Impedance sensors rely on the application of Ohm's law, where ei-
ther a voltage is applied and current measured, or a current is applied
and voltage measured. The impedance of the cell substrate system, V/I,
is assumed to be complex and is quantified as a function of frequency. A
simple model of a cell in media with three electrodes is depicted in
Fig. 1. (b). The impedance seen between the two left electrodes due to
the presence of the cell includes the intercellular resistance, Rc, mem-
brane capacitance, Rm, membrane resistance, Cm, media resistance, Rs,
and double layer capacitance, Cdl. The impedance seen by the two right
electrodes is simply a double layer capacitance and the impedance of
the media.

2.2. Mathematical model of a single cell

A cell, consisting of a cell membrane and cytoplasm with the nu-
cleus, may be described using multiple models. Many models rely on
Maxwell's mixture theory (Bordi et al., 2002; Foster et al., 1992; Holmes
et al., 2009; Koledintseva et al., 2006; Krishna and Paschek, 2000;

Fig. 1. An overview of impedance sensing. a) Showing the measurement system with the cell on electrode. b) Cell model in media. Rc: intercellular resistance, Cm:
membrane capacitance, Rm: membrane resistance, Rs: media resistance, and Cdl: double layer capacitance (Giaever and Keese, 1986).

Fig. 2. a) Simplified cell model, showing para-
meters affecting the impedance of the major parts of
the cell (cytoplasm, cell membrane, and growth
medium) (Xu et al., 2016). b) Illustration of the
current flow passing from the electrodes (solid ar-
rows shows a current path at low frequency, dashed
arrows indicate a current path at high frequency)
(Giaever and Keese, 1986).
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Morgan et al., 2006; Pavlin and Miklavčič, 2003; Sun et al., 2006; Sun
and Morgan, 2010). Fig. 2. (a) illustrates the mathematical model based
on Maxwell theory. The equivalent complex permittivity of the cell and
media, εmix , is dependent on the complex Clausius-Mossotti, fCM , and
permittivity of the suspending medium, ε .m The fractional volume is the
cell area divided by the detection area (Xu et al., 2016),
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where = − ′ρ R
R d and R and ′d are the radius of the cell and the thick-

ness of the membrane (Xu et al., 2016). εm, εmem, and εi represent the
permittivity of the medium, cell membrane, and cytoplasm. σm, σmem
and σi represent the conductivity of the medium, cell membrane, and
cytoplasm. This model is simple enough to be adapted to multiple ap-
plications, and at the same time takes many parameters into account.

Models, along with a combination of mathematical equations, have
been used to diagnose the behavior of fibroblastic cells represented
using the equivalent resistance and capacitance (Xiao and Luong,
2003). Others have furthered these models to evaluate the relationship
between cells and between the cells and substrate (Goda et al., 2004).
Cells adhered on electrodes can be considered as a single passive ele-
ment or combination of passive elements. These elements are capacitor,
resistor-capacitor network, or a constant phase element (CPE). Different
frequencies illuminate different cell characteristics such as the shape of
the cell, the amount of free space to another cell, and the state of the
membrane. There are two current paths in cell impedance experiments
(Fig. 2. (b)). The solid arrows show the current path at low frequencies,
while the dashed lines show the current path at high frequencies. At
relatively low frequencies (up to a few kHz), the AC current applied
mostly passes through between adjacent cells, giving data about how
close the cells are together and whether they have adhered to the
electrode or not (Wegener et al., 2000).

At low frequencies, the cell can be modeled as a small capacitor due
to the cell membrane's insulating properties. Under these conditions,

the surrounding ionic membrane becomes polarized. The oppositely
charged ions in the cell migrate to the two sides of the cell membrane,
resulting in an electric dipole (Dandin et al., 2009). At higher fre-
quencies (more than few tens of kHz) more current is capacitively
coupled directly through the insulating cell membranes. Therefore at
higher frequencies the shape of the cell and cell spreading dominates
the impedance. The measured impedance changes as cells attach and
grow. They adhere to the electrodes and flatten out, causing an increase
in the circuit impedance.

Additionally, the formation of tight junctions between cells at the
electrodes has the effect of blocking the electrical current. Cells act as
insulators when they attach to a surface and spread since their plasma
membrane is in contact with the free space above the electrode.
Mammalian cells have been widely used due to their excellent sta-
tionery and dynamic interactions with the substrate (Giaever and
Keese, 1991, 1993; Wegener et al., 1998, 2000). When cells are at the
edge of being non-viable, the membrane is rounded, disrupting the cell-
to-cell junction. Non-viable cells may detach from the cell culture sur-
face, allowing greater electrical current to pass. This detachment shows
as a decrease in impedance (Bondu et al., 2015). These impedance
measurements allow for a depth of information on the real-time bio-
chemical processes beyond the limits of light microscopy, (Yang et al.,
2011). Using light scattering and fluorescent labeling can be expensive
and time consuming. The need for cheaper, real-time methods makes
the development of impedance-based label-free methods a major step
forward. In many systems, cells are cultured on gold or other bio-
compatible conductive electrodes of different sizes and patterns
(Albrecht-Buehler, 1977; Giaever and Keese, 1984, 1986, 2012).

3. Applications of whole cell impedance spectroscopy

Impedance spectroscopy has a wide range of applications. The ex-
periments using impedance spectroscopy quantify characteristics that
can be expanded from basic cell biology research. Characteristics in-
clude cell morphology, cell sorting, cell layer barrier function, cell
motility, and cell-substrate interactions and motility. These measure-
ments can be applied in many areas including cancer research, drug
screening, environmental pollution, food safety detection, electro-
poration, pathology, and brain-machine interference study. Fig. 3 lists
the characteristic measurements of impedance spectroscopy. Table 1
gives the various applications informed by the measured characteristic.
Impedance measurements may be quantified for single cells (Holmes
et al., 2009; Liao et al., 2005; Nguyen et al., 2013; Wang et al., 2011),

Fig. 3. Cell characteristics measured using im-
pedance sensing. Impedance sensing, discriminates
based on uniqueness of cell type, ease of foreign
particles crossing the cell membrane, movement of
the cells, and cell differentiation and cell growth.

Table 1
Impedance spectroscopy applications.

Application Field Description

Drug and Diagnostic Advancement Cancer research Quantitative and qualitative identification of cancerous cells and non-cancerous cells
Drug screening Quantifies the dose and resistance to drugs
Pathology Laboratory examination tissue for diagnostic or forensic purposes and causes and effects of diseases in

medicine.
Electroporation Makes the cell membrane more permeable to chemicals, drugs, and DNA.

Safety Environmental pollution Quantifying the effect of nanoparticles and non-essential gasses on lung epithelial cells
Food safety detection Quantifying the existence of bacteria or other unwanted characteristics

Brain-machine interfaces Monitoring neuronal cells' activity Measuring cells' activity lead to more advanced brain machine interfaces.
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multiple cells (Edmondson et al., 2014; Giaever and Keese, 1984, 1986;
Keese et al., 2004), cells in suspension (Caselli et al., 2010; Davey and
Kell, 1996; Evander et al., 2013), cells adhered to the substrates (Luong
et al., 2001; Mucha, 2012; Reitinger et al., 2012; Xiao and Luong, 2003)
and long-term monitoring (Bagnaninchi and Drummond, 2011;
Sengupta et al., 2005; Wegener et al., 2000).

3.1. Adherent application

One of the primary applications of impedance measurement studies
viral growth and cellular responses to infectious viral agents, such as
respiratory syncytial virus (RSV), alpha herpesviruses (AH), sin nombre
virus (SNV), and influenza A virus (IAV) (Bondu et al., 2015; Kilani
et al., 2004; McCoy and Wang, 2005). In McCoy and Wang, ECIS, they
used to measure real-time monitoring of infection via influenza A. This
virus would cause cytopathic effect (CPE) on the cell culture that is
difficult to quantify using conventional methods. CPE is exemplified by
structural changes in cells that are caused by the infecting virus. In-
fluenza A compromises the cell's viability which results in the cell
physically changing shape (e.g. it may ball up instead of being a defined
shape) or detaching, resulting in an impedance change (McCoy and
Wang, 2005). Effects such as age, presence of bacteria and fungus, and
the number of freeze-thaw cycles in perishable and consumable animal
protein can be detected by changes in cell morphology and thus de-
tected by whole cell impedance (Zhao et al., 2017).

Dynamic measurements of total electrical resistance across the pri-
mary human bronchial epithelial cells (HBEpC) monolayer showed a
few kΩ steady-state resistance on wells and infection by alpha-herpes
viruses (Pennington and Van de Walle, 2017). A potential key to new
genetics based discoveries is quantifying cells as they fall towards the
culture surface and adhere to the surface through biochemical pro-
cesses. Using this culture surface would be useful because they act as an
electrolyte and in that case, a constant current source makes a small
current AC resulting in a small impedance (Cho and Thielecke, 2008;
Luong et al., 2001).

Understanding the cell attachment parameters for anatomical im-
plants is vital in the development and modification of biomaterials. This
is because the cell–semiconductor interfaces enable cells to commu-
nicate with biological neurons (Parak et al., 1999; Vogler, 1988). These
in-vitro studies foster an improved understanding cells interaction with
the culture surface or substrate. They give information on cells growth,
adherence to the surface, and causes of cell change or death. This can
advance understanding of tumors, tissue repair, or cell movement
(Lauffenburger and Horwitz, 1996). Other recent studies used stem cells
to study or treat diseases. Stem cell studies offer insight into cell dif-
ferentiation and can be used for screening and tracking quality control
(Cho et al., 2009; Hildebrandt et al., 2010; Nordberg et al., 2017). A
classic approach, still used today, is recording brain cell populations in
culture over time. Advancement in cell characteristic measurement
using impedance sensing increases the understanding of brain-machine

interfaces (Mussa-Ivaldi and Miller, 2003; Nicolelis, 2003). For example
it may be used to monitor electrophysiological recordings from distinct
mouse brain regions (Fu, T.-M. et al., 2017).

Impedance spectroscopy quantifies the size of a cell which can affect
real-time processes. The extracellular matrix (ECM) influences the
biophysical surface structure and affects cell-cell interactions, which in
turn affects cell survival, differentiation, and proliferation (Itano et al.,
2003). Cancer cell attachment and drug induced cellular event mon-
itoring can aid drug discovery, ease patient testing, and lower cost. It
can also quantify triggering signals that affect the ECM such as differ-
entiation, cell migration, cell life cycle, and exploring new drugs (Anh-
Nguyen et al., 2016; Mamouni and Yang, 2011; Solly et al., 2004; Tran
et al., 2016). (Anh-Nguyen et al., 2016).

Proteins, such as plasma fibronectin, gelatin bovine fetuin, or bo-
vine serum albumin, interaction with cells can affect motility and
spreading on different substrates. These proteins can be essential for
healthy cell behavior (Giaever and Keese, 1986). Cell impedance has
been measured using a vacuum pump and dielectrophoresis (DEP) for
precise manipulation and positioning. This identified and counted a
specific type of cell within a mixture of different cells (Mohanty et al.,
2003; Watkins et al., 2011).

As fabrication technology and analog design advances, it enables
more sensing circuits to be placed in a single chip. Newly developed
multi-parameter cell sensors combine acquisition of different para-
meters of the cell layer at the location of transducers. These parameters
can be cell coverage for monitoring wound healing parameters along
with bioluminescence or electrochemical measurements. This makes
the measurement more specific and enable studies aimed at reducing
scaring and other diseases (Cui et al., 2017; Giaever and Keese, 1984;
McGuinness, 2007; Mucha, 2012).

Being label free, impedance spectroscopy is a valuable method for
evaluating a large number of cells. It can perform adherent impedance
measurement in the cell trapping method. In this method, a fluid flow
drives cells between two stick-like metallic electrodes and cells settle on
the planar electrodes by gravity and attach to the electrode via bio-
physical and chemical processes (Narayanamurthy et al., 2017). Cell
discrimination is useful for early diagnosis of diseases. To make an early
diagnosis, the affected cells must be identified relatively early. Thus, if
cells at different stages have different impedance, this is a potentially
fast and easy method for early diagnosis. Fig. 4 (a) shows the flow of
control fluid, which produces a negative pressure to trap the cell into an
analysis cavity where two electrodes were embedded (Han et al., 2007).
Single-cell analysis provides a unique understanding of diverse beha-
viors of cells. Levsky showed that even synchronized culture conditions
resulted in a heterogeneous population of expression profiles that can
make statistical modeling of cells complex (Levsky and Singer, 2003).
For example, in the first steps of the transcriptional program, there is no
pathway for every step for each cell. But as it goes, in a variable po-
pulation of cells, the averaged response of a cell population can dom-
inate the measurement, making single-cell approaches a more robust

Fig. 4. Cell measurement methods for adherent and non-adherent application. a) Principle of cell trapping for cell discrimination (Han et al., 2007). b) Principle of
single cell imaging in a circular 16-electrode chip (Sun et al., 2009). c) Microfluidic impedance-based cytometer (Caselli et al., 2010).
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method (Levsky and Singer, 2003). For measurement of adherent cells,
there is an unstated assumption that the presence of the cells does not
alter the inherent impedance of the electrode or the electrolyte inter-
face. This is validated by the extremely small, nanometer range, elec-
trolyte filled gap under the cell (Mucha, 2012).

3.2. Non-adherent application

For non-adherent cells, microfluidic impedance based cell cyto-
metry can count, identify, and sort cells (Davey and Kell, 1996; Fu, Y.
et al., 2017), recent advancements has led to a portable low cost health
monitoring system that pair up wirelessly with a smartphone and can
run blood samples (Talukder et al., 2017). These type of systems can be
made to be wireless. In Sun et al., multiple arrays are fabricated in a
circular form around the cell. By injecting current to each pair of
electrodes and measuring voltage from other pairs, conductivity dis-
tribution map can be obtained. Assuming the electrodes are fabricated
in a 16 electrode scheme (Fig. 4 (b)), current is applied through the first
two electrodes and the voltage across each pair of electrode measured.
13 sets of current and voltage data is generated. The voltage in the
electrode adjacent to injecting ones cannot be measured. The current
injection was repeated for 15 sets of electrodes leading to 208 sets to
construct the cell. This design implemented by discrete fabrication of
the electrodes, switches, multiplexers, and other electronic components
caused a significant amount of noise. Another source of error was due to
the software enabled data reconstruction (Sun et al., 2009). The same
method was used to measure the electrical impedance to reconstruct a
3-dimensional representation. The impedance was measured at various
vertical and horizontal positions, and a 3-D image constructed using a
mathematical algorithm. The experiment was verified for human breast
cancer cells shaped as a spheroid and a triangular pellet (Yang et al.,
2017).

Complex samples were analyzed by optically encoding μm-sized
polymer particles to create suspension microarrays (Caselli et al., 2010;
Davey and Kell, 1996; Nolan and Sklar, 2002). Syringes or micro-pumps
drive cells through coplanar electrodes. In Caselli et al. multiple elec-
trode arrays shown in Fig. 4 (c) were used for cell cytometry. Using two
arrays instead of 2 coplanar or parallel facing electrode leads to an
increase in sensitivity. The sensitivity in reconstructing conductivity
distribution, based on electrodes voltage and current data, is the pri-
mary concern in EIT (electrical impedance tomography) instruments. In
two electrode systems, the measurement is done through the same
electrodes that stimulate the system, causing a disturbance. Differential
measurements attenuate the disturbance due to electrode impedance
(Caselli et al., 2010). In a similar investigation, four electrodes were
used where for each measurement instance the AC voltage was supplied
to two electrodes along the diagonal line and the current was measured
from the remaining electrodes (Caselli et al., 2018).

Cell cytometry analyzes many cells over a short span of time
(Wegener et al., 2000; Xiao and Luong, 2003). In continuous flow
systems, single cells are monitored for extended periods. Microfluidic
devices are very suitable for this application, hydrodynamic cell trap-
ping arrays within a microfluidic device can capture large numbers of
individual cells for evaluating different conditions in companion ani-
mals such as orthopedic diseases. Since a massive quantity of cells can
be processed in a small amount of time, it is amenable to applications
requiring high throughput processing. This method is analogous to the
classic method of counting the cells colonies of thousands under the
microscope (Sun and Morgan, 2010) (Esfandyarpour et al., 2017).

Overall, whether used in adherent or non-adherent applications,
many methods exhibit errors and inaccuracies. In adherent methods,
the membrane capacitance and size of the cell drifts depending on the
length of time they remain on the surface (Xavier et al., 2017). In non-
adherent applications, a significant source of measurement inaccuracy
is particle position (De Ninno et al., 2017). These variabilities limit the
resolution of microfluidic devices. A heterogeneous electric field causes

different impedance signals, since the particles travel in different tra-
jectories. To make the particles move in the same trajectory, a non-
adherent application was proposed in order to reduce measurement
error (Errico et al., 2017).

3.3. Impedance of cells: quantitative measurement examples

In this section, representative quantitative results for cell impedance
measurement in cancer research and wound healing are presented.
Changes in impedance, usually ranging in a few kΩs, have shown the
importance of high accuracy designs. Moreover, many of these appli-
cations focus on miniaturized, low cost systems. Impedance has been
used to quantify cancer cell stages, explore the effect of cigarette toxins
and study wound healing among other applications. Cancer cells have
different characteristics than healthy cells in reproduction, adhesion,
proliferation rate, maturation, and function. Cell impedance, magni-
tude, and phase, for normal cells and lung metastasis cells at different
stages have been widely investigated (Abiri et al., 2015). In the at-
tachment stage (3.5 hours after the initial drop of cells on electrode),
cancer and normal cells act the same, with 80 kΩ impedance. In the
spreading stage (6 hours after the initial drop of cells on electrode) the
degraded membrane of cancer cells improves the current penetration
into the cell the impedance decreases to 20 kΩ, while normal cells re-
mained the same. In the proliferation stage (9 hours after the initial
drop of cells on electrode), impedance increased from 20 kΩ to 80 kΩ in
cancerous cells while normal cells stayed the same. This difference is
visible in the proliferation rate since normal cells need more time for
spread and membrane extension. Fig. 5 shows the results of cells at four
different stages, normal cells, early stage, invasive breast cancer, and
metastasized cell lines. Each represents these different stages, and as the
cancer stage increases, the impedance of the cells decrease (Han et al.,
2007). Measured impedance is increased by two times over that of
normal cells, while electrical stimulation shows more cells at the wound
edge, thus increasing wound healing (Wang et al., 2008). As the con-
centration of the cigarette toxicants increases, cells have lower self-
recovery ability to continue proliferating. Normal cells impedance in-
creased by ∼14%, while the cell growth was 0% for compromised cells
(An et al., 2019).

4. System packaging

To make cell impedance measurements, cells must be close enough
to the electrodes to significantly affect the generated electric field
(Fig. 6 (a)). The simplest way to do this is to encapsulate the bond wires
of a packaged chip and place a well to hold the cells (Fig. 6 (a)). The

Fig. 5. Impedance of different stages of cancer cells in 3 different frequencies
(data extracted from Han et al., 2007).
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cells are then deposited using standard aseptic methods with a pipette.
This method is relatively crude and does not give the user the ability to
ensure that the cells are accurately and deterministically placed on the
electrodes. Thus, many researchers study methods of conveying the
cells using hybrid glass/PDMS/silicon chambers and microenviron-
ments which supports the growth of a confluent syncytium, several cell
fusions of a uninuclear cell (Dandin et al., 2009). A microfluidic flow
chamber is shown in Fig. 6 (b) (Jang and Wang, 2007).

Using a microfluidic flow chamber, a device was proposed that
counts and separates the cells in hematology, oncology, or toxicology.
This method measures impedance of individual cells with rates of over
100 samples/s. In this chamber, the differential impedance is measured
(Fig. 6 (b)). When a cell passes through the detection area, positive and
negative spikes are generated, which can be used for cell counting.
When the cell passes through the electrodes, an impedance model can
be extracted based on voltage and current gotten from the readout
circuit. In this method, alternate switching of reference and measure-
ment electrodes can reveal uneven drift of electrode properties (Gawad
et al., 2001).

Other methods of fabrication use the fundamental principles of
these steps with minor variations. The medium consists of a fixed vo-
lume. It has two channels, one at the input and the other in the output
to make the fluid. The electrodes are located at the bottom of the
chamber. A type of cell trapping method was proposed in Walker and
Beebe in which the limitation of cell resolution for sequential mea-
surement is overcome by integrating a passive pumping method
(Walker and Beebe, 2002). In this method, single cells are forced onto
the electrodes without using off-chip pumps (Nguyen et al., 2013).
Micro-well electrodes and a minimized impedance system (Wang et al.,
2011), as well as capture of controlled number of cells in the micro-well
arrays have been demonstrated (Shah et al., 2016).

5. Readout electronics topologies

There are many topologies for quantifying cellular impedance.
These methods are summarized in Fig. 7. All topologies are based on
applying a current (or voltage) and measuring the corresponding vol-
tage (or current). The three topologies rely on impedance to frequency
conversion using an implicit analog to digital conversion, swept fre-
quency using a varying sinusoidal frequency source and filtering to
return the magnitude and phase through measurement of a time delay,
and simultaneous frequencies which potentially decreases the time for
measurement. (Kweon et al.), (Won et al., 2016).

5.1. Impedance to time or frequency

The measurement principle relies on an making the output fre-
quency proportional to the impedance. A current is periodically sourced
and sinked through the impedance. In the first phase, the current
charges the impedance and impedance voltage level reaches an amount
set by a reference voltage. The reference voltage is in charge of
switching the circuit between charge and discharge mode. In the second
phase, the voltage decreases because of the current sinking until the
voltage gain reaches a minimum set by the reference again.

Fig. 8 shows approaches for impedance to time or frequency con-
version. These methods differ in whether they use a known value and
the way the output is generated. In one approach, the difference in
charge, discharge speed, and voltage drop when injecting current is
correlated to the change in impedance (Fig. 8 (a)). In another approach
a known value is measured as a base and the change from that value
determined (Fig. 8 (b)). The output type can also divide the topologies,
where an analog sinusoidal or digital pulse frequency is the output
(Fig. 8 (a)). Extra modules may be added to obtain digital data (Fig. 8
(c)). The first method, of course, has the lower power and area but
needs additional off-chip processing. However, analog signals can at-
tenuate when transmitted off-chip which may decrease the resolution
and accuracy.

Fig. 8 (a) shows an impedance to frequency conversion system
(Mucha, 2012). When Vout is high, Ф1 is active, and Ф2 is low. There-
fore, the current, I0, is injected through the electrode. Extra switches

Fig. 6. System packaging overview a) Method of culturing cells onto integrated system. Adapted from (Dandin et al., 2009). b) Microfluidic flow path in DEP/PDMS
(Jang and Wang, 2007).

Fig. 7. Topologies used for cell impedance sensing measurements can be di-
vided into three groups.
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such as Ф2 keeps the channel of the MOSFET active, preventing a short
circuit between supply and ground. The charging and discharging in-
tervals determine the output frequency. The electrode potential in-
creases as a switch, Ф2 closes and the current, I0, is sourced to it. The
potential is continuously compared to VrefH as it increases. Once the
potential reaches the high voltage reference, Ф2opens, and I0 is sinked
from the electrode, decreasing the potential, until VrefL is reached. The
period of a single charge-discharge cycle is,where Rel is the resistance
and Cel the capacitance of the cell. The voltage drop caused by the
change of the current through Rel from+I0 to –I0 and is related to ΔV=
VrefH-VrefL and 2RelI0 (Fig. 8 (a)).

Fig. 8 (b). shows a system where the cell impedance, R1 and C1 are
compared to RS and CS a known resistance and capacitance (Vooka and
George, 2015). In this system, only one parameter is measured at a
time, mode R or mode C. In the first period, the charging time of a
known value is measured. In the second period, the discharging time of
the sensing element is measured, and the unknown value of capacitance
can be calculated such that,

=Q V N C2T c k c2( ) 2 2 1 (5)

where = ( )V C .k s
V

ωC R C2
2 m

F1 1
N is the number of cycles, Cs is the fixed ca-

pacitor, and =Vm
V

πsinft2
in .

Fig. 8 (c) shows a high sensitivity impedance to digital frequency
converter. It computes and digitizes the real and imaginary part of a
signal. The D-flip flop samples the signal through the comparator. φ is a
reference square wave while Clk is an external clock for synchroniza-
tion. The comparator controls the output from the integrator, and the
counter digitizes the final result (Liu et al., 2009). A simple phase to
digital method using an SR-latch and ring oscillators detects the phase
(Hsu et al., 2018). The pulse through the cell was compared to a re-
ference signal generated by an SR-latch. The duty cycle of this phase
difference is changed to frequency using a ring oscillator and is stored

on a capacitor.

5.2. Swept frequency or lock-in approach

In all the swept frequency approaches, the real and imaginary
portion of the signal is extracted by multiplying the signal with the in
phase and quadrature signal. These approaches are categorized based
on being voltage mode (Fig. 9 (a)) or current mode (Fig. 9 (b)). To
increase the accuracy of system, a zero detection block (Fig. 9 (c)) or
passive mixers (Fig. 9 (e)) may be used. On-chip implementation of the
pytharogator and arctangent modules can eliminate the need for ex-
ternal digital signal processing (Fig. 9 (d)).

In Fig. 9 (a) the DC component proportional to the real and ima-
ginary signals is obtained from the low pass filters (Manickam et al.,
2010). The sinusoidal excitation is,

= + = +I Asin ωt θ ωt bcos ωt( ) asin( ) ( )x (6)

Where Ix is the measured current at the xth electrode, with A and θ
being the amplitude and phase of the signal. In this equation, a=
Acos θ( ), is the real part of the signal and b= Asin θ( ), is the imaginary
part of the signal. By knowing a and b, the impedance information is
completely described. The phase and amplitude information of Ix is thus
easily obtained. This has been implemented in a number of CMOS
implementations where the real and imaginary impedance components
are extracted and fully digitized using ADCs, (Yang and Mason, 2008),
(Ali et al., 2015). Since the impedance of a cell consists of real and
imaginary portions, a stimulation pulse can quantify this complex im-
pedance. A square wave signal stimulates the bio-impedance system,

= ⎛
⎝

⎞
⎠

⎧
⎨⎩

⎛
⎝

+ ⎞
⎠

− ⎛
⎝

− ⎞
⎠

⎫
⎬⎭

f t A
τ

u t τ u t τ( )
2 2 (7)

where A is the amplitude, τ is the width, and u is the unit step function
(Kim et al., 2017). The impedance model is determined from the

Fig. 8. Illustration of impedance-to-frequency topologies with a) alternate current sink and source leading to a charging and discharging intervals that determine the
output frequency (Mucha, 2012), b) using multiple mode for measuring R and C, in each mode first current passing a known value is measured (Rs and Cs) and next
the control logic unit change the switches so the unknown values are measured (R and C of cell) (Vooka and George, 2015). c) Impedance-to-digital converter
structure that uses the same sink and source method as (a) but adds a digital block and counter to give a digital output as the frequency (Liu et al., 2009).
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⎠
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locations of the zeroes and poles of the transfer function. In the fre-
quency domain we obtain,

=F f A
πτf

πτf
( )

sin( )
(8)

The same method was used to develop a DNA analyzer system. After
extracting the imaginary and real components of the signal, digital
coefficients were used with an ADC to multiply the biosensor response.
The digitized signal accumulates over using a counter, and results in the
extraction of the imaginary and real components of the impedance
(Jafari et al., 2012). Due to the advantage of summing currents and
implementing complex signal processing, such as sum of the squares or
division in current mode, a current-mode lock-in amplifier was devel-
oped. The advantage of this design is that there is no need for using
extra blocks in the digital domain, and the system has a lowered power
consumption and area. The design is illustrated in Fig. 9 (b) (Kassanos
et al., 2013). Rottigni et al. used the same method of impedance ex-
traction and implemented a handheld bio-impedance system with ex-
cellent resolution (Rottigni et al., 2011). An alternative feedback con-
figuration used a rectifier to detect the largest voltage amplitude and an
error amplifier with a current oscillator (Yufera and Rueda, 2009).
Fig. 9 (c) shows another variation of a lock-in amplifier, where a zero
crossing detector and elimination of high impedance loading is per-
formed (Dungan et al., 2014).

In Gu and McFarlane, a new current mode lock-in amplifier was
proposed. Many impedance measurement systems use a digital signal
processing block to determine the components of the complex im-
pedance obtained from the lock-in's output. Previously, most of the
structures are based on voltage mode. The disadvantage of using lock-in
amplifiers in voltage mode is that implementing the pythagorator and
arctangent in voltage mode is very difficult. To solve this issue, a new
current mode lock-in amplifier was proposed. By using this technique,
the power consumption and area is kept low due to not requiring ex-
ternal digital signal processing module (Gu and McFarlane, 2015). The
system has four channels, each having two sub-channels. These chan-
nels determine the components of the impedance (Fig. 9 (d)). This

system contains a mixer, low pass filter, trans-conductors, band pass
filters and phase shifter (for generating LO signals). The magnitude of
the impedance is obtained by the pythogorator, while the divider aids
in computing the arctangent. An advantage of this structure is that it
includes different cut off frequencies for each channel, so this lock-in
amplifier measures the impedance at multiple frequencies simulta-
neously. Thus, this system is a hybrid of the lock-in approach and the
simultaneous frequencies approach. This approach does add to the
system size, and there is a tradeoff in the number of electrodes that can
be measured with this system in a fixed area.

One of the disadvantages of these systems is that by moving the
phase of the system from 90°, the accuracy of the system is compro-
mised. It is somewhat challenging to produce a sinusoidal signal, which
is adjustable within a large range (Chen et al., 2017). A battery-less
miniaturized implantable device with frequencies from 2 kHz to 2MHz
was developed using a passive mixer controlled by I/Q digital clocks.
This method was highly-linear and low power. This method relied on
sinusoidal current injection Fig. 9 (e). Using a sinusoidal differential
current, the differential voltage drop is measured (Rodriguez et al.,
2016). Combining the lock-in approach with mixed signal approaches
have also been proposed (Allegri et al., 2018) where the ADC changes
the impedance signal and turns it into digital data from which the real
and imaginary part of the signal is extracted.

5.3. Simultaneous frequencies or pulsed signal approach

In the swept frequency lock-in approach, the signal must pass
through a low pass filter. Thus the measurement time is increased at
low frequencies. Additionally, each frequency is applied one at a time.
For high frequency resolution systems this will limit the measurement
speed. To improve the system measurement time, a multi-frequency
signal can be used to stimulate the electrodes. The silicon cochlea
creates sinusoidal stimuli at frequencies which are spaced periodically.
These stimuli are summed. The “analyzer” part of the cochlea divides
the output into the related frequency to establish a relationship be-
tween impedance and frequency. The silicon cochlea is effectively an

Fig. 9. Different lock-in approaches a) voltage-mode lock-in amplifier sweeps the frequencies of the sinusoidal signal applied to the electrodes and measures the
imaginary and real part of the output signal (Manickam et al., 2010). b) current-mode lock-in amplifier with same approach as (a) but supplying current instead of
voltage through electrodes (Kassanos et al., 2013). c) zero crossing detector added to impedance detection using lock in amplifier to elimination of high impedance
loading (Dungan et al., 2014). d) This approach adds on chip implementation of pythaogator and arctangent to eliminate the need for any external digital signal
processing module (Gu and McFarlane, 2015). e) To increase the accuracy of 90° phase difference used in approaches (a) to (d) a passive mixer controlled by digital
clock signals is used (Rodriguez et al., 2016).
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excellent filter bank acting as an “analyzer” (Fig. 10). The filters are
typically implemented with low power Tau-cells implemented with
trans-linear loops (Fig. 11) (Gu, 2016). An implementation of this ar-
chitecture in a 500 nm and 130 nm process saw mixed results. The
implemented filters had relatively wideband width and suffered sig-
nificantly from effects due to process variations. Thus, the extracted
measurement would be very noisy due to the overlap of lower fre-
quencies. The filters should have a much smaller bandwidth to be truly
selective frequency filters. The voltage is given by

=V s Z s I( ) ( ). ref (9)

where Z is the cell impedance and, Iref is the current. The voltage is
linearly related to the output current,

≈ −+ −I Scale V V. ( )out (10)

Therefore, the cell membrane impedance is,

=Z i
I

Scale I
( )

.
out i

ref i

( )

( ) (11)

where scale is implemented as a current, through a current multiplier
and is used for encompassing the scale factor (Hamilton et al., 2009).

In principle, impedance spectroscopy can also be implemented in
the time domain, which is advantageous since speed will improve
(Spencer et al., 2017). A bridge measurement system followed by signal
conditioning may be used. An overall comparison of CMOS designs to
measure impedance is illustrated in Table 2. The speed of the circuit in
time and frequency domain designs is proportional to the clock of the

circuit, and is related to the time delay. In the first group, the switches
and blocks are used to convert and digitalize the measured time,
therefore, the size is bigger in comparison to the other techniques. For
lock-in amplifiers, a more complicated calculation is needed to extract
the imaginary and real portions. For the impedance to frequency con-
verter, the R and C value is measured in comparison to a known value,
making the calculation relatively effortless.

To better discuss and compare different topologies, a figure of merit
was devised as shown in Table 2. For all parameters, a smaller number
would lead to a more compact, less power consuming design. As seen,
the figure of merit for printed circuit board (PCB) designs is, as ex-
pected, far from integrated designs. Among the fabricated integrated
designs, type 2 architectures are more advantageous in terms of com-
pactness and low power. Table 2 gives an in depth comparison of recent
publications on CMOS designs for impedance measurement.

In recent years, with advancement in fabrication technology and
circuits designed with lower power consumption, many arrays or multi-
function systems for cell impedance sensing have been proposed. An
array of more than 50,000 microelectrodes have been proposed in order
to measure cell impedance and record electrophysiological signals on
the same chip. Using this array, position, adhesion, and the electrical
activity of cardiac embryoid bodies can be measured and monitored
(Viswam et al., 2016, 2018). In another approach, multi–modality ar-
rays have been proposed (Chi et al., 2015; Park et al., 2017). These
arrays combine cellular voltage recording, impedance measurement
(voltage excitation/current sensing), and optical detection along with
other sensors, i.e., temperature sensor, to provide comprehensive bio-
logical data in cell-based assay and drug screening applications. In-
tegrating multiple sensors will increase the power and area, increasing
design challenges and system complexity. This can lead to having a
single readout circuit for each group of sensors that would force the
system to have multiplexers, decoders, and even memory units. The
result is that the system may be slower, necessitating design strategies
to maintain high-speed high throughput measurements.

5.4. Capacitive sensors

In sections 5.1-5.3, all the readout systems measure the complex
impedance of the cells. However, for some applications, measuring only
the capacitance may be sufficient. Measuring capacitance is easier than
measuring complex impedance, in the sense that in impedance sensing
both capacitive and resistive part of a substance is measured. Capacitive
sensing circuits have smaller circuits and don't need both imaginary and
real part of the signal to do the calculation and offer the opportunity for
new techniques. Several techniques have been used to measure cell
capacitance, including charge based capacitance measurement (CBCM),
charge share, and capacitance to frequency.

Fig. 10. Cell impedance measurement using silicon cochlea (Hamilton et al.,
2009).

Fig. 11. Basic structure (a) and the feedback circuit (b) of the Tau-cell (Gu, 2016).
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Charge based capacitance measurements method were proposed to
measure the cross-talk capacitance between the conductors in CMOS
chips with the use of an off-chip DC ammeter (Sylvester et al., 1998).
More recent implementations also used this technique for lab-on-a-chip
purposes (Ghafar-Zadeh et al., 2007). In CBCM, the difference between
the current that goes through the reference and sensing electrode is
measured, and the difference is changed to voltage. Thus an increase or
decrease of the sensing electrode can be measured in comparison to the
reference electrode.

Fig. 12 is an example for CBCM circuit where the difference between
two charging currents IS and IR is proportional to ΔC. When applying
two non-overlapping clocks, Ф1 and Ф2, transduce the measured ca-
pacitances (CS and CR) into two currents. The current mirrors senses
and amplifies these currents. Subtraction of these currents, ΔI, is per-
formed through M9-M13, and ΔI is integrated and converted to voltage
by Cint. The voltage drop at the output is, therefore, proportional to
change of capacitance sensed in comparison to the reference capaci-
tance. In (Nabovati et al., 2017, 2018) new developments for this
method including a fully differential chip, no post processing, low
power, and continuous measurement have reduced power consumption
and cost significantly per biological experiment.

Parkash et al. presented an adaptation of charge based sharing for
cell capacitance measurement (Prakash et al., 2005). The sensor circuit
in this method, shown in Fig. 13, had two nodes with parasitic capa-
citances which are charged and discharged. With an increase in

capacitance, the voltage on the joint electrode increases. Minimization
of the parasitic capacitances maximize sensitivity and increase in the
area of the metal electrode increases the dynamic range (Prakash et al.,
2005).

In many implementations, the topmost metal layer in the fabrication

Table 2
CMOS impedance sensing comparison.

Typea Accuracy # of Electrode Technology (μm) Area
(mm2)

Frequency range Power ( Wμ ) F.O.Mb

Gu and McFarlane, 2012 2 Magnitude deviation < 7%
Phase deviation < 4%.

1 0.13 ∼0.01 100 Hz, 1 kHz,
10 kHz, 100 kHz

207.2 0.02

Mucha, 2012 1 Cell adhesion and death detected reliably,
∼10%

64 0.35 ∼2 Min. 1 kHz
Max. 50 kHz

∼200 0.22

Vooka and George, 2015 2 0.04%(mode R)
0.15% (mode C)

1 PCB 500 Designed for
1 kHz

175.8× 103 36×103

Liu, 2009 2 mismatch of 1% 1 0.5 0.045 Min. 0.01 kHz
Max. 10 kHz

5.2 0.001

Hsu et al., 2018 1 0.04% Phase 1 0.18 0.02 Min. 5 kHz
Max. 1MHz

197 0.0003

Manickam et al., 2010 2 ∼1.4% 100 0.35 1 Min. 10 Hz
Max. 50MHz

84.8×103 4.24

Jafari et al., 2012 2 1% error 16 0.13 1.68 Min. 1 kHz
Max. 10 kHz

350 0.05

Yang, 2008 1 RMS error of 0.027 1 0.5 0.06 Min. 100 Hz
Max. 1MHz

6 0.005

Ali, 2015 1. 0.41% (mode R)
0.73% (mode C)

12 0.18 2.7 Min. 1 Hz
Max. 10MHz

87 0.015

Kassanos et al., 2013 2 1.78°± 0.115° Phase @50k
98% ± 0.6% Mag @50K

1 0.35 0.4 Min. 100 Hz
Max. 100 kHz

21×103 17.64

Rottigni et al., 2011 2 ∼20% 1 0.35 0.9 up to 5MHz USB-powered 630
Yufera and Rueda, 2009 2 accuracy of± 0.05 64 0.35 ∼1 Min. 10 kHz

Max. 100 kHz
∼100 0.02

Dungan et al., 2014 2 0.05% variation 1 0.13 ∼1 Max. 100 KHz ∼100 0.006
Chen et al., 2017 2 0.12% Phase

0.28% Mag
1 0.35 0.07 Min. 0.1 Hz

Max. 100 kHz
150 0.004

Rodriguez et al., 2016 2 1% error 2 0.15 1.5 Min. 2 kHz
Max. 2MHz

165 0.185

Allegri et al., 2018 2 0.8% 2 0.35 19.38 Min. 10 kHz
Max. 10MHz

100×103 2× 103

Viswam et al., 2018 2 0.5% Phase 1 0.18 0.1 Min. 1 Hz
Max. 1MHz

412 0.03

Hamilton et al., 2009 3 average measurement error 2% 100 0.5 4 Min. 25 Hz
Max. 100MHz

30 0.012

a Type 1= impedance to time/frequency domain, Type 2=Lock-in amplifier with frequency sweep Type 3= lock-in amplifier in wideband.
b Figure of merit was devised to have an overall parameter to compare the performance of designed circuit. For all the parameters we noticed that smaller number

will lead to a more compact, less power consuming design. We defined figure of merit as below, so that the smaller FOM will show a better design.

=
× × ×

FOM
accuracy area mm technology μm power μW

of electrode
( ) ( ) ( )

#

2

Fig. 12. Core-CBCM capacitive sensor circuit topology (Nabovati et al., 2017).
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process forms the sensing electrode. And the layer below it acts as a
shield for the sensing circuit. This method has been used to measure the
capacitance of whole-cell bacteria(Couniot et al., 2016). The method
has also been used with frequency readout (Mohammad et al., 2016;
Senevirathna et al., 2017, 2018). Unlike other impedance measurement
methods, capacitance to frequency designs does not require complex
readout systems and is easily digitized.

6. Discussion

Integrated biosensors have been effective in whole cell based im-
pedance sensing for various applications. The circuit topologies for cell
impedance measurement were divided into 1. impedance to frequency
conversion, 2. swept frequency, and 3. simultaneous frequencies
topologies. There are many challenges and areas for improvement in-
cluding the electrodes, spatial resolution, and highly parallel experi-
mentation (high throughput with high speed). Impedance measure-
ments have been typically performed using expensive and bulky
benchtop instruments (An et al., 2019; Bagnaninchi and Drummond,
2011; Bird and Kirstein, 2009; Cho and Thielecke, 2008; Cui et al.,
2017; Keese et al., 2004; Mamouni and Yang, 2011; McCoy and Wang,
2005).

Benchtop systems only have one or at most two inputs. This places
an upper limit on the number of electrodes that can be measured at
once and limits the readout time. To improve this limitation, adding on-
chip signal processing units, such as the magnitude and phase calcu-
lation analog circuits, can lower area and power consumption. The
power consumption of integrated designs are on average ∼100 μW, for
discrete systems, this number is in the range of 100mW, which is 100
times more than an integrated readout system. In terms of area, the
integrated systems average 0.1 mm2, while a typical discrete PCB for
impedance measurement can have areas of 500mm2 (Vooka and
George, 2015), thus integrating readout electronics can lead to up to a
99% reduction in area consumption.

These systems need to sweep frequencies, which also places a limit
on the readout time. The CMOS implementation has the potential of
facilitating the fabrication while having a low cost. Based on a recent
commercially available process (28nmlithographyprocess), a standard
die size is between 100mm2 to 300mm2. Taking an average of 0.1mm2

for a readout system per channel will give over 1000 to 3000 chips per
run, having a cost of readout system at∼$3 for a unit research chip and
less for a commercial chip. For a typical discrete and benchtop readout
system, this price will be in range of $100. With 3-D printing ad-
vancement, highly sensitive and compact CMOS bio-sensors are

believed to be the next generation of lab-on-a-chip and micro-total
analysis platforms. Moreover, 3-D printed electrodes can lead the way
in introducing cheap and disposable electrodes to grow cells and
measure their characteristics (Zia et al., 2015, 2016).

Table 2 shows a comparison among proposed CMOS cell impedance
measurement topologies. While all realize a low form factor, they do
not all address parallel/multiple measurements or decreasing the
measurement time window. Additionally, many of these implementa-
tions do not take advantage of the inherent parallelism offered by the
technology. Implementation in CMOS allows for the reduced cost due to
the maturity of the process and a higher degree of parallelism due to a
more integrated system incorporating signal processing and analog to
digital conversion. Additionally, it allows for the system to have a small
form factor and low power requirements. Currently, impedance is not a
specific measurement, and other measurements must be made for in-
terpretation. This includes temperature measurements and observing
visually (optical measurements).

Commercially available electrodes for impedance spectroscopy are
in the range of 100–300 μm, while cells tend to be less than 100 μm, and
many interesting ones are around 10 μm. Therefore, the spatial re-
solution of the system improves as the system, particularly the elec-
trodes, gets smaller (Xu et al., 2016). For improving the system, more
than one electrode can be in contact with a single cell. However, this is
different from current fabrication techniques, particularly the com-
mercial techniques. Size limitations on planar electrodes is approxi-
mately 10 μm in size with a 10 μm pitch (Giaever and Keese, 2012).
Other micro and nanofabrication techniques have been used to develop
sub-micrometer electrodes. These include the use of carbon nanofibers,
which make the electrode sizes in the range of 10–100 nm and reduces
the size by the factor of 103 (Galos and Li, 2016; Yu et al., 2015). The
carbon nanotube towers can be easily peeled off a silicon substrate and
soldered onto printed circuit board.

∼ Shows the values are estimated or assumed since was not men-
tioned in the reference.

Regarding sensitivity, the topologies are divided into three groups.
In the first group, (Liu et al., 2009; Mucha, 2012), the comparator de-
sign is the main block for the impedance measurement block, changing
the voltage to frequency. In this group, the sensitivity is limited by the
current passing through the amplification stage of the comparator (I).
This current is proportional to the input voltage difference (ΔVin), tail
transistor size (K) (the transistor that biases the amplification stage),
and the current that is passing through it.

∝ × ×Sensitivity V K IΔ in (12)

In the second group, (Kassanos et al., 2013; Manickam et al., 2010;
Vooka and George, 2015; Yufera and Rueda, 2009), a current amplifier
amplifies the small current passing through the cell to a bigger voltage
or current. Therefore, in addition to the accuracy of the technology to
fabricate matching transistors, the dynamic range (DR) of the amplifier
has a huge role in sensitivity,

∝ × ×Sensitivity DR K I (13)

In the third group, (Gu, 2016; Hamilton et al., 2009), the design
consists of filters and current biases. The primary limiting issue to have
a more sensitive system is the fabrication technology's ability to fabri-
cate matching transistors. Thus, the sensitivity is proportional to σIref ,
the smallest difference in reference current achievable.

∝ × ×Sensitivity σ K IIref (14)

As fabrication technology advances and challenges for more com-
pact fabrication are overcome, multiple methods can be combined for
an analyzing system. As an example, a hydrogel-based cell chip was
combined with impedance spectroscopy for improved drug screening.
Hydrogel tissue mimicking structure can be implemented using mi-
crofluidic channels (Tran et al., 2013). Other future applications in-
clude the development of low-cost devices for specific functions. Trans-

Fig. 13. Cell-substrate capacitance sensor measurement in charge sharing
method (Prakash et al., 2005).
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well migration assays quantify the motility of endothelial cells in blood
vessel formation. Implementation of impedance spectroscopy for trans-
well assays have been commercialized for epithelial ovarian carcinoma
(EOC) and in Bird and Kirstein to detect cancerous varying migratory
and invasive behaviors. ECIS can substitute for traditional trans-well
assays (Bifulco et al., 2014), (Bird and Kirstein, 2009). Another chal-
lenge in cell impedance sensing is signal variation. The detected fluc-
tuation in signals can be μA or μV range. Measurement using multiple
electrode arrays offers measurement repetition. Various fitting meth-
odologies can also be applied. Implementing mathematical functions
using standard digital processing techniques can be bulky and power
consuming, implying that analog and integrated solutions may be more
appropriate.

7. Conclusion

In summary, there are still many challenges before these whole cell
CMOS based impedance systems can replace state of the art chemical
and optical methods. These challenges include overall packaging of the
system, the electrodes, and the electronics used for readout and signal
processing. Future designs can have a miniaturized readout system,
thus making it possible to have a readout system for every single
electrode. Eliminating the need for multiplexers and counters can
contribute to reduced cost and power consumption. Digitizing blocks
and signal processing along with multiarray electrode systems will
make a complete biological impedance sensor at the microscale. A
whole system that can sense cellular anomalies, process sensed data,
and store or transmit wirelessly can be implanted for health monitoring.
Implanted cell monitoring systems can report cell changes when it
happens leading to a new generation of sensors. To make this possible,
electronic circuits need to be smaller and flexible. Further advance-
ments can utilize circuits etched in biomaterials (eg. DNA) instead of
silicon.

These challenges are solvable and will rely heavily on solutions used
in other fields. The advancements needed to improve this technology
can also lie in the proliferation of nano sized devices for size reduction.
The prospective future of this technology is for a multi sensing system
that can measure different biological characteristics and the cell en-
vironment such as acidity, temperature, impedance, and potential all on
a single chip. The measuring system can share the readout system, thus
saving on power and area. Power is another challenge regarding these
sensors. Even μW power consumption, if arrayed to many electrodes,
can be problematic. Power consumption of circuits increases the tem-
perature in cells and tissues. Temperature increases as small as 1 °C can
kill sensitive cells. This again leads to the requirement of lower oper-
ating voltages which in turn leads to decreasing the size to nm or less
range. Despite these challenges, CMOS based biological cell impedance
sensing, particularly if combined with other sensors, offers the potential
for achieving low power, multi-function, real-time diagnosis for many
applications which will impact scientific discovery and disease diag-
nosis.
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