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Abstract- Due to their label-free and non-invasive nature, impedance measurements have 5 

attracted increasing interest in biological research. Advances in microfabrication and 6 

integrated-circuit technology have opened a route to using large-scale microelectrode arrays 7 

for real-time, high-spatiotemporal-resolution impedance measurements of biological samples. 8 

In this review, we discuss different methods and applications of measuring impedance for cell 9 

and tissue analysis with a focus on impedance imaging with microelectrode arrays in in vitro 10 

applications. We first introduce how electrode configurations and the frequency range of the 11 

impedance analysis determine the information that can be extracted. We then delve into 12 

relevant circuit topologies that can be used to implement impedance measurements and their 13 

characteristic features, such as resolution and data-acquisition time. Afterwards, we detail 14 

design considerations for the implementation of new impedance-imaging devices. We 15 

conclude by discussing future fields of application of impedance imaging in biomedical 16 

research, in particular applications where optical imaging is not possible, such as monitoring 17 

of ex vivo tissue slices or microelectrode-based brain implants. 18 

Keywords- Impedance imaging, Impedance sensing, Electrical impedance spectroscopy 19 
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1. Introduction 21 

Recent progress in in vitro cellular and molecular analysis has greatly advanced our 22 

understanding of human physiology in healthy and diseased states. Owing to their label-free 23 

and non-invasive nature, impedance-based detection methods have been used for quantitative 24 

long-term characterization of live cells and tissues. In comparison to other routine analysis 25 

methods, such as optical imaging, impedance measurements typically require less costly 26 

equipment, the respective setups can be miniaturized, and experiments can be parallelized (1, 27 

2).  28 
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First reports on the use of impedance-based detection methods in biology date back to the 29 

1920s, when impedance measurements were used to characterize membrane capacitance and 30 

resistance of blood cells (3, 4). Technical improvements and the establishment of theoretical 31 

models have then enabled the use of impedance methods for the analysis of cell volumes in 32 

suspension (5), for discerning different cell populations (5), and for monitoring cellular 33 

adhesion and growth (6–8). The development of high-density microelectrode arrays (MEAs) 34 

(9) and their use for impedance analysis enabled high-sensitivity and spatially highly resolved 35 

measurements at subcellular resolution (10–13). The label-free and high-resolution nature of 36 

impedance detection offered by high-density MEAs has enabled to produce 2D impedance 37 

images of biological samples to, e.g., monitor how cell attachment and mobility of adherent 38 

cells is affected by drug treatment (11) or to recognize the spatial organization of cells in live, 39 

ex vivo brain slices (12).  40 

In this review article, we first present different examples of how impedance measurements 41 

and impedance imaging is applied in neuroscience and biomedical research.  We discuss 42 

different methods that have been introduced for the characterization of cell and tissue models 43 

in vitro, with a particular focus on methods and approaches for two- and three-dimensional 44 

(2D and 3D) impedance-based imaging, and we present examples of impedance imaging in 45 

biomedical research. We then discuss the different detection methods that are used for 46 

impedance analysis as well as related circuitry implementations and discuss the advantages 47 

and limitations of the different approaches. Afterwards, we summarize the design options that 48 

need to be considered during the conceptualization of impedance-based MEA sensors for 49 

different applications. Finally, we end the review with an outlook on trends in developing 50 

MEAs for impedance-based imaging of biological entities. The subsequent review includes 51 

the following sections and subsections: 52 

2. Impedance measurements: Methods and applications 53 

2.1. Impedance measurements and impedance model of cells and tissues 54 

2.2. Impedance measurement methods 55 

2.3. Applications of impedance measurements 56 

3. Circuitry for impedance measurements: Circuit topologies 57 

3.1. Potentiostats 58 

3.2. Lock-in amplifiers 59 

3.3. Simultaneous multi-frequency detection 60 

3.4. Capacitive sensing 61 

3.5. Impedance-to-frequency conversion 62 
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4. Design considerations for different applications 63 

4.1. Electrode geometries 64 

4.2. Electrode materials 65 

4.3. Electrode array topologies 66 

4.4. Signal conditioning, digitalization and multiplexing 67 

4.5. Sensitivity and noise 68 

5. Outlook 69 

 70 

2.  Impedance measurements: methods and applications 71 

2.1. Impedance measurements and impedance model of cells and tissues 72 

Impedance extends the concept of Ohm’s resistance to alternating-current (AC) circuits and 73 

features both, magnitude and phase, unlike Ohmic resistance, which has only magnitude. 74 

Impedance is a complex number with the same unit as resistance, for which the SI unit is 75 

Ohm (Ω), its symbol is usually Z. In analogy to Ohms law for directed current (DC), the 76 

impedance (Z) is the ratio of the electrical potential difference (V), applied to a conductor, 77 

and the resulting current (I) through it (Equation 1). Impedance can, therefore, be expressed 78 

as the combination of a resistance (R, the real component) and a reactance (X, the imaginary 79 

component) 80 

𝑍 =
|𝑉|𝑒𝑗 θV

|𝐼|𝑒𝑗 θI
= |𝑍|𝑒𝑗𝜃𝑍  =  𝑅 + 𝑗𝑋 (1) 

where |∙| and 𝜃(∙) represent the modulus and phase of the respective complex number, and 𝑗 is 81 

the imaginary unit. 82 

Impedance sensing is based on measuring the absolute value or relative change in the 83 

impedance of a cell or tissue to extract information on sample properties. Impedance 84 

measurements can be carried out at a specific frequency or over a broad frequency range, the 85 

latter being termed electrical impedance spectroscopy (EIS). Figure 1(a) shows a simplified 86 

electrical equivalent-circuit model of a single cell between a pair of electrodes. The overall 87 

impedance of the system includes three main components: (i) the cell impedance, which 88 

consists of membrane contributions (𝐶𝑚 and 𝑅𝑚 in parallel) and cytoplasm contributions (𝑅𝑐 89 

and 𝐶𝑐 in parallel); the cell equivalent circuit is known as single-shell model (14); as the 90 

resistive impedance component of the cell membrane and the capacitive impedance 91 

component of the cytoplasm are usually orders of magnitudes larger than the capacitive 92 
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component of the cell membrane and the resistive component of the cytoplasm, the 93 

contributions of these electrical equivalent-circuit components are typically neglected in the 94 

electrical equivalent-circuit models (15); (ii) the impedance of the electrode-electrolyte 95 

interfaces, 𝑍𝑒𝑙, which consists of the double layer capacitances (main contribution for 96 

polarizable electrodes, such as platinum (Pt) or gold (Au) electrodes) in parallel to the charge-97 

transfer resistances (main contribution for non-polarizable electrodes, such as silver/silver 98 

chloride (Ag/AgCl) electrodes) (16);  (iii) the solution resistance 𝑅𝑠𝑜𝑙 (16).  99 

When an electric field is applied to a dielectric material, such as a cell membrane, the field 100 

causes a polarization of the material. The polarization response of a dielectric material to an 101 

externally applied field is characterized by its permittivity, which is associated with its ability 102 

to store energy. As the energy of an applied electric field can either be dissipated or stored, 103 

the impedance of a dielectric material is directly related to its permittivity and can be 104 

expressed as (17): 105 

𝑧 =
𝜎 − 𝑗𝜔𝜖0𝜖

𝜎2 + (𝜔𝜖0𝜖)2
 (2) 

where 𝜎 is the characteristic conductivity at DC, 𝜔 is the radial frequency of the applied 106 

electric field, 𝜖0 is the permittivity of vacuum and 𝜖 is the relative permittivity of the 107 

respective dielectric material. Typically, the relative permittivity of a material is frequency-108 

dependent and tends to fall as the frequency of the applied field increases (18). For cells and 109 

tissues in solution, the relative permittivity extends over four principal dispersion regions, i.e., 110 

frequency ranges in which the relative permittivity features large variations (Figure 1(b)): the 111 

α-dispersion, in the ~100 Hz -10 kHz region, which is associated with ion diffusion across the 112 

cell surface; the β-dispersion, in the sub-MHz – 10 MHz range, which is related to charge 113 

accumulation at the cellular membrane; the δ-dispersion in the sub-GHz regime, in which 114 

rotation of macromolecular side-chains takes place; the γ-dispersion in the ~10 GHz regime, 115 

where dipolar rotation of water molecules is dominant (18, 19). Therefore, measurements of 116 

cell and tissue impedance at different frequencies can be used to investigate different 117 

phenomena. At low frequencies, in the α-dispersion frequency range, the cell impedance is 118 

extremely high so that impedance measurements provide information on the cell or tissue 119 

volume, which obviates current conduction. Therefore, measurements in this frequency range 120 

can be used to estimate cell or tissue volume or size. Upon increasing the frequency, 121 

information on cell and tissue membranes can be extracted, as the cell membrane polarization 122 

is in the β-dispersion range. Higher frequencies, in the sub-GHz and GHz regime, can provide 123 
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information on the water content or protein concentrations within cells (20, 21). However, 124 

these frequency ranges are rarely used for investigating cells and tissues, as measurements at 125 

such high frequencies require careful electronics design, and as cell/tissue impedance 126 

contributions cannot be easily separated from, e.g., medium contributions, due to the 127 

dominant effect of dielectric relaxation  of water in the GHz regime (22). 128 

 129 

Figure 1. (a) Electrical equivalent-circuit model of a cell in suspension between a pair of 130 

electrodes. The overall measured impedance includes three contributions: the cell impedance, 131 

which consist of the cytoplasm and membrane capacitive and resistive contributions (𝐶𝑐, 𝑅𝑐 132 

and 𝐶𝑚, 𝑅𝑚), the electrode impedances (Zel), and the medium resistance (𝑅𝑠𝑜𝑙). (b) Idealized 133 

spectrum of the relative permittivity of cells and tissues, showing four main dispersion regions 134 

(18, 19), for details see text. 135 

2.2. Impedance measurement methods 136 

Impedance measurements are typically carried out by applying an electrical stimulus to the 137 

sample of interest and by measuring the sample response as a function of the frequency of the 138 

applied signal. Two different implementations are possible: a known test voltage is applied to 139 

the sample, and the resulting current is measured, or, alternatively, a test current is injected, 140 

and the resulting voltage drop across the sample is detected. The two approaches are 141 

conceptually equivalent from a theoretical point of view and are based on the generalized 142 

Ohm’s law (Equation 1). However, the respective implementations require different electronic 143 

circuitries and may feature different susceptibility to unwanted effects during sample 144 

characterization. 145 
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The power and frequency of the stimulation signal are chosen depending on the composition 146 

of the sample, the measurement features of interest, and the limitations of the instrumentation. 147 

Signal power must be high enough to produce a response that can be detected by the readout 148 

electronics, however, without saturating the amplifiers. Moreover, large stimulation currents 149 

can damage a sample, as it is intentionally done in electronic wound-healing assays (6), while 150 

high voltages can cause undesired electrochemical reactions in aqueous phase, such as 151 

electrolysis. Stimulations can be carried out by using sinusoidal waves, the signal power of 152 

which is concentrated at one specific frequency, or the stimulus can consist of a multi-153 

frequency signal, where the signal power is spread across a broader frequency spectrum. 154 

Finally, impedance detection can also be carried out in an indirect way, for example, through 155 

impedance-to-frequency conversion. This conversion method and its implementation in 156 

integrated systems will be discussed in more detail in Section 3.5. 157 

2.2.1. Stimulation frequency selection 158 

Single-frequency measurements are commonly used when the target feature is known to be 159 

observable at a specific frequency (Figure 2(a)). For example, cellular attachment to an 160 

electrode surface can be detected at 1 kHz (23), cellular micromotions across electrodes can 161 

be observed using a 4 kHz sinusoidal signal (24), or parasite motility in vitro can be detected 162 

with a 500 kHz signal (25). Single-frequency monitoring offers significant advantages with 163 

respect to hardware, since all information is contained in a narrow-bandwidth signal that can 164 

be measured and separated from out-of-band noise using, for example, lock-in amplifiers. 165 

Combining multiple measurements at different frequencies allows for investigation of more 166 

complex features. This approach is often used to acquire information on cell membrane 167 

integrity in reference to cell size by determining the ratio of impedances measured at high 168 

(cell membrane characteristics) and low (cell size) frequencies (Figure 2(b)), the so-called 169 

electrical opacity (26, 27), and to differentiate different cell populations in mixed samples 170 

(28). Simultaneous multi-frequency monitoring requires either hardware that can 171 

independently generate and process signals at each frequency (29) or to sequentially measure 172 

the sample responses at different frequencies, however, at the costs of increased acquisition 173 

time (30). 174 

In EIS, impedance characteristics are measured at multiple frequencies across several orders 175 

of magnitude (31). These measurements can be used to fit the electrical equivalent circuit of 176 

the sample (31, 32) or to use a dedicated mathematical model to extract specific features of 177 
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interest (33). EIS measurements can be performed by applying a sinusoidal stimulus, whose 178 

frequency is sequentially altered. While this technique is unparalleled in terms of accuracy, 179 

the measurement acquisition time can amount to up to several minutes, if there is a large 180 

number of frequency steps, especially in the low-frequency range. Faster measurements can 181 

be obtained by using more complex stimuli and by distributing the signal power across a wide 182 

spectral range, e.g., by applying a chirp stimulus (34), rectangular pulses (35) or white noise 183 

(36). These stimulation methods are sometimes referred to as “time-domain” techniques, as 184 

the readout circuit directly records the signal over time, and frequency analysis is carried out 185 

during post-processing, typically by calculating the Fourier transform of the time-domain 186 

signal (37). However, spreading the power of the stimulus over a wide frequency band may 187 

result in low power spectral densities, which may reduce the signal-to-noise ratio and renders 188 

these techniques less accurate than their narrow-band counterparts.   189 

 190 

Figure 2. Examples of impedance measurements at different frequencies. (a) Illustration of 191 

the impedance of two samples the capacitive contribution of which is dominant at low 192 

frequencies while the resistive component is dominating at high frequencies. A single 193 

measurement at fm allows for detection of resistance changes of the sample. Note that phase 194 

variations and magnitude variations manifest at different frequencies. (b) Example of cell 195 

classification using two-frequency impedance measurements. Low frequency (fLF) impedance 196 

provides information on the cell size, while the ratio of high-frequency (fHF) and low-197 

frequency impedance yields the so-called electrical opacity. 198 
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2.2.2. Electrode configurations 199 

In its simplest form, impedance characterization can be carried out by using a two-electrode 200 

configuration (Figure 3(a)). The electrode positions influence the electric-field distribution 201 

and how electrical currents flow across the sample. For coplanar electrodes, as shown in 202 

Figure 3(a), the electric field decreases with increasing distance to the electrode plane, and 203 

most of the current tends to flow along the surface of the electrode plane. Therefore, the 204 

measured impedance is significantly altered when a sample is placed on the plane in between 205 

the electrodes. In contrast, if the same sample is located far from the electrode plane, it only 206 

marginally affects the impedance measured between the electrodes.  This position-207 

dependence can be avoided by using facing electrodes, i.e., electrodes placed on opposing 208 

planes, which feature uniform electric-field distribution, as in parallel plate capacitors. 209 

However, the realization of facing electrodes is more difficult due to a more complex 210 

fabrication, and the required alignment of the two electrodes.  211 

Regardless of the electrode configuration, the electrode-electrolyte-interface impedances add 212 

in series to the sample impedance, which may obstruct sample characterization at specific 213 

frequencies, where electrode contributions dominate. To circumvent this limitation, a 214 

multiple-electrode arrangement can be used to reduce or even eliminate effects of the 215 

electrode impedance (30, 38). In four-electrode measurements, the two outer electrodes (one 216 

per terminal) provide the stimulation current, while two inner electrodes sense the voltage 217 

drop across the sample (Figure 3(b)). Voltage measurements require that the sensing 218 

electrodes do not carry any current so that no voltage drop occurs at the electrodes. The 219 

measured signal at the inner electrodes in an arrangement shown in Figure 3(b) reflects the 220 

voltage drop across the sample, while the influence of electrode impedance is eliminated. The 221 

location of the voltage-sensing electrodes needs to be carefully chosen, in particular for large 222 

samples, as the measured voltage drop may otherwise not represent the average voltage drop 223 

across the sample. 224 

Electric impedance tomography (EIT) is an impedance-based imaging technique, which relies 225 

on measurements of sample impedance at different positions to investigate the internal 226 

properties of a sample (39, 40) (Figure 3(c)). A reconstruction algorithm, frequently based on 227 

a finite-element model, is used to infer the internal impedance distribution that corresponds to 228 

the experimentally determined measurement values. EIT reconstruction is often an ill-posed 229 

problem, and algorithms have limitations concerning the complexity of the reconstructed 230 
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image. Reconstruction typically requires a priori information about the expected properties of 231 

the sample (41).  232 

Electrode arrays allow for both, multiple two-terminal and multi-electrode impedance 233 

measurements (Figure 3(d)). Two-terminal measurements can be taken between two 234 

electrodes in the array (42, 43), or several electrodes can be grouped to obtain larger pixels to 235 

enable multi-electrode or differential measurements (44). Alternatively, one of the terminals 236 

can be used as a common reference electrode to perform parallel measurements (10, 45).   237 

 238 

Figure 3. Illustration of impedance measurement methods using a variable number of 239 

coplanar electrodes. (a) Two-electrode setup, in which a stimulation current (I) is applied 240 

through the same electrodes that are used for voltage measurement (V). Note that voltage 241 

stimulation and current measurements are also possible. (b) Four-electrode setup, using one 242 

outer pair of electrodes for current stimulation and a second inner pair of electrodes for 243 

voltage measurements. (c)  EIT using two (outermost) electrodes of a microelectrode array 244 

for current stimulation, while the other electrodes are used to simultaneously measure the 245 

voltage at different positions of the sample. (d) Microelectrode array configured for several 246 

two-electrode measurements in parallel. 247 

2.2.3. Absolute and relative measurements 248 

Absolute impedance measurements enable a quantitative characterization of the sample 249 

features of interest. However, absolute measurements are strongly dependent on the ability to 250 

separate the sample impedance contribution from other effects that may contribute, such as 251 

electrode impedance, variation in medium conductivity due to evaporation, and contributions 252 

of parasitic circuitry elements. To reduce these unwanted effects on the measurement, 253 

differential measurements can be carried out by comparing the sample measurements to 254 

reference measurements under the same environmental conditions and acquired with the same 255 
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readout circuitry. Differential impedance values can either be obtained by determining 256 

impedance differences between independent recordings during digital postprocessing (46), for 257 

example by comparing sample impedance recordings to impedance recordings at a reference 258 

time point, or by using a differential acquisition scheme including a sample and reference (44, 259 

47). 260 

Calibration is also key to improve the accuracy of impedance measurements. During 261 

calibration, the impedance readout circuit is tested with different known samples across the 262 

frequency spectrum of interest to verify the response of the system and to enable signal 263 

corrections and normalizations during data analysis (30). 264 

2.3. Applications of impedance measurements 265 

Owing to its label-free and non-invasive nature, its potential for scalability, integration and 266 

automation, impedance spectroscopy has attracted considerable interest for investigating 267 

biological and biomedical samples. Here, we will focus on the application of impedance 268 

spectroscopy and imaging for in vitro studies of cell and tissue models.  269 

2.3.1. Two-electrode setups 270 

To obtain a two-dimensional impedance representation or “impedance image” of a sample of 271 

interest with a two-electrode setup, the electrode pair needs to be moved across the sample 272 

surface. This approach, which is called scanning electrical impedance microscopy (SEIM), 273 

was used, e.g., for a morphological characterization of neuronal cells in vitro (48, 49). The 274 

topological complexity of cells and tissue models and the long acquisition times of SEIM 275 

have, so far, prevented a broader application of this technique for cell and tissue 276 

characterization. However, simple two-electrode setups have been widely used to characterize 277 

a large variety of biological samples, ranging from single cells to tissue models and 278 

multicellular organisms, without acquiring spatial information. We here briefly discuss these 279 

systems, as they demonstrate the large variety of information that can be gained through 280 

impedance characterization of biological application. 281 

The seminal work of Giaver and Keese in the 1980s and 1990s demonstrated the possibility of 282 

monitoring the adherence and micromotion of adherent cells by using a pair of coplanar gold 283 

electrodes patterned at the bottom of a cell culture well (7, 50). The electrode arrangement 284 

consisted of a “small” electrode (~10
-2

 mm
2
) and a large counter electrode (~10

2
 mm

2
), so that 285 

the overall impedance would be dominated by the electrolytic interface between the small 286 
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electrode and the medium solution. The presence of cells on top of the small electrode then 287 

altered the electrode-medium interface, which could be readily detected by monitoring 288 

impedance changes (51). The technique, which was later termed Electrical Cell-substrate 289 

Impedance Sensing (ECIS
®

), was further developed, and a variety of electrode arrangements 290 

have been devised to monitor different parameters of interest, such as cell confluency or stem-291 

cell differentiation using spectroscopy-based ECIS (52).  292 

Impedance analysis has also been widely used for the analysis of single cells or small tissue 293 

models by using electrodes the size of which was comparable to that of the sample of interest. 294 

The liquid containing the samples was flown over or between the electrodes (co-planar or 295 

facing electrodes), a technique now known as impedance cytometry (53, 54), or confined in 296 

the sensing area, e.g., by hydrodynamic trapping (55) or physical barriers (25, 56–58).  297 

To increase the signal-to-noise ratio, impedance cytometry is often carried out using a 298 

differential detection scheme by employing, e.g., a three-electrode setup (54). Differential 299 

measurements enable to directly measure the dielectric properties of the sample against the 300 

suspension medium and to remove any effect caused by drifts in electrode performance, 301 

medium evaporation, or temperature variations. Owing to the relatively high throughput of 302 

impedance cytometry (~100-1’000 cells per minute), this technique can be used to provide a 303 

snapshot of the sample condition at a defined time point and has been used to, e.g., identify 304 

cells in mixed cell populations (21, 59), recognize differentiated mesenchymal stem cells 305 

(60), measure the proportion of activated platelets in whole blood (61), and to discriminate 306 

activated T-cells (62). Conversely, sample confinement in the active area is a pre-requisite to 307 

continuously monitor dynamic processes on the same sample or specimen. As an example, 308 

hydrodynamic trapping was employed to capture single yeast cells to follow yeast growth and 309 

budding by monitoring impedance variations over a large range of frequencies (55). 310 

Impedance characterization has also been used to quantify the non-alcoholic fatty liver 311 

disease progression in 3D liver-microtissue models or to monitor the efficacy of candidate 312 

drug compounds in vitro, e.g., by recording the growth of cancer microtissues (58, 63) or the 313 

motility of human parasite larvae (25).  314 

2.3.2. Multi-electrode configurations 315 

Two-dimensional “impedance imaging” of biological samples can be achieved by using a 316 

MEA, which features a matrix of independently addressable microelectrodes (64, 65). As for 317 

the previously mentioned ECIS sensors, cell adherence to the microelectrode causes an 318 

increase in electrode impedance, which can be recorded by the 2D array electrodes to yield an 319 
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image of cell dispersion and adherence over the array. The spatial resolution that can be 320 

attained with microelectrode arrays is defined by the electrode dimensions, the electrode pitch 321 

and, in the z-direction, by the ionic strength of the solution and the detection frequency (11). 322 

Furthermore, both, electrode pitch and readout multiplexing capabilities, which define the 323 

spatial and temporal resolution, strongly depend on the technological approach used for the 324 

development of the MEA: passive MEAs with off-chip readout circuitry feature strong 325 

limitations in the number of electrodes that can be used in parallel and typically have 326 

additional space between the electrodes for routing and leads;  active MEAs include 327 

addressing and signal-conditioning circuitry and are fabricated in complementary-metal-328 

oxide-semiconductor (CMOS) technology; they feature large numbers of electrodes at very 329 

small pitch and enable highly parallel impedance recordings from many electrodes. More 330 

details on the advantages and disadvantages of the two MEA categories will be discussed in 331 

following sections. 332 

Impedance-based detection with MEAs have been used to monitor the growth and distribution 333 

of biofilms on electrode arrays (66), to detect the hybridization of DNA strands that have been 334 

previously attached to the sensor surface (10, 67, 68), and to measure the dynamic attachment 335 

and micromotions of cells (11). A notable example of using MEAs for real-time imaging of 336 

adherent cells is the work of Laborde et al., where the authors presented a CMOS high-337 

density microelectrode array (HD-MEA) with 65’536 electrodes of 90 nm radius on a 0.6 µm 338 

× 0.89 µm grid (11). To increase the detection range to a few hundreds of microns from the 339 

sensor surface, the authors used a 50 MHz detection frequency to overcome the screening 340 

effect of the electrical double layer (EDL) at the electrode interface (Figure 4(a)). While this 341 

approach enables to extend the sensing region of the electrodes while reducing the impedance 342 

of the double layer capacitance at the sensing frequency, measuring only the capacitive 343 

contribution makes it impossible to perform impedance spectroscopy for cell characterization 344 

and differentiation. Nevertheless, the developed system enabled to follow, in real-time and at 345 

sub-cellular resolution, the adhesion, spreading and dynamic attachment of cancer cells, 346 

which were cultured on the sensor surface (Figure 4(a)).  347 

A primary use of MEAs includes localized voltage recordings, for which the systems have 348 

been used to perform long-term measurements of intra- and extracellular electrical potentials 349 

of electrogenic cells, in particular of neurons and cardiomyocytes in vitro
 
(69–71).

 
 With the 350 

realization of multifunctional electrode arrays, i.e., arrays of electrodes that can be utilized 351 

with multiple detection schemes (e.g., voltage, impedance or electrochemical measurements), 352 
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impedance-based imaging has been integrated in several systems to provide complementary 353 

information on the sample under investigation.  354 

Chi et al. presented a sensor array featuring 144 independently-addressable electrodes for 355 

extracellular voltage recording, impedance mapping and optical detection, either via shadow 356 

imaging or bioluminescence (72). The authors demonstrated the suitability of their system for 357 

the investigation of different cell types, namely human cardiomyocytes, mouse neurons and 358 

ovarian cancer cells. Through impedance imaging, the authors could monitor the cell 359 

attachment to the sensor array, while the integrated optical detection scheme provided 360 

information on the location and distribution of cells. Furthermore, the authors treated the 361 

cardiomyocytes with isoproterenol, a drug against bradycardia and were able to detect an 362 

increase in the beating rate by using the integrated extracellular voltage recording. Cell 363 

attachment to the array was not affected by drug dosage, as could be detected in parallel by 364 

using impedance analysis. However, although the integrated optical and impedance-based 365 

capabilities provided an image of the sample fraction that was in direct contact with the 366 

electrode array, the spatial resolution was limited to ~90 µm by the electrode pitch and by the 367 

non-uniform electrode distribution in the active sensing area.  368 

Our group presented a multifunctional HD-MEA, which featured 59’760 microelectrodes 369 

with an electrode pitch of 13.5 µm (Figure 5(a)) (12, 45). The system enabled to record 370 

impedance spectra with up to 32 electrodes in parallel in a frequency range between 1 Hz and 371 

1 MHz. The small electrode pitch provided sub-cellular spatial resolution, for extracellular 372 

voltage recording and impedance measurements. The HD-MEA was used to monitor the 373 

differentiation of mouse embryoid bodies (EBs), which were plated on the array. Impedance 374 

imaging enabled to follow the adhesion, spreading and growth of EBs on the array for five 375 

days. After five days of spreading and differentiation on chip, extracellular voltage recording 376 

were used to measure the spontaneous beating of cells that had differentiated into 377 

cardiomyocytes (12). The HD-MEA system was also used to acquire an impedance image of 378 

an acute mouse cerebellar slice and enabled to identify four different regions in the slice, 379 

namely (i) white matter, (ii) the granular cell layer, (iii) the Purkinje cell layer with large 380 

electrophysiological activity, and (iv) the molecular layer that contained the dendritic trees of 381 

the Purkinje cells (Figure 5(a)). Impedance imaging enabled a label-free detection of different 382 

cell layers in the cerebellar slice, which could be recognized by their different impedance 383 

signatures (i.e., magnitude and phase). To perform a complete impedance scan of the whole 384 

sensing area, multiple sequential measurements were required due to the large number of 385 

active electrodes and the limited number of impedance-detection circuitry modules. Although 386 
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recording at medium/high frequencies could be performed within a few minutes, low-387 

frequency measurements required an acquisition time of ~1 hour, which is comparable to the 388 

time required for confocal imaging. Impedance imaging still offers the advantage to record in 389 

real time from live cell and tissue models, as there is no risk of potential damages by 390 

phototoxic effects during long-term optical and fluorescence imaging and as impedance 391 

imaging is label-free. 392 

Lopez et al. recently presented a multifunctional HD-MEA featuring 16’384 electrodes, 393 

which were arranged in 16 active areas of 1’024 electrodes each at an electrode pitch of 15 394 

µm (73). The system featured current and voltage stimulation, intracellular and extracellular 395 

voltage recordings, and two modes for impedance measurement: fixed frequency (1 and 10 396 

kHz) measurements for fast impedance monitoring (0.1-1 ms temporal resolution), and 397 

impedance spectroscopy in a frequency range between 10 Hz and 1 MHz. Impedance 398 

recordings at 1 kHz stimulation frequency were used to evaluate the adhesion and growth of 399 

primary hippocampal neurons on the chip (Figure 5(b)) (13). The combination of voltage and 400 

impedance recordings provided information on cell distribution to assess whether the absence 401 

of electrical activity in specific regions on the sensor surface corresponded to areas devoid of 402 

cells or whether the regions were populated by cells without electrical activity. The 403 

impedance recording of the whole array at a single frequency could be acquired in ~2 404 

minutes, while imaging of the whole sensor surface with a confocal microscope required ~30 405 

minutes. The system enabled high spatial resolution within the 480 × 480 µm
2
 sensing areas 406 

owing to the small electrode pitch of 15 µm.  However, the spatial arrangement of the 407 

electrode clusters, which featured a 1020 µm inter-cluster distance, was optimized for multi-408 

well packaging, which obviated to perform high-resolution electrical detection over large 409 

areas, e.g., for large tissue slices. 410 

Finally, MEAs can be used to perform localized electrochemical measurements, such as 411 

amperometry and voltammetry, to provide real-time two-dimensional electrochemical 412 

imaging (45, 74–76). As an example, a HD-MEA with 17.5 × 15 µm
2
 interdigitated electrodes 413 

was used to detect the spatiotemporal characteristics of neurotransmitter release 414 

(norepinephrine, epinephrine and dopamine) in acute murine adrenal-tissue slices upon 415 

stimulation with caffeine (76). A microfluidic channel was used to achieve temporally defined 416 

chemical stimulation of the tissue slices so that the neurotransmitter release could be 417 

measured at high spatial and temporal resolution. Electrochemical measurements were also 418 

used to image the secretion of metabolites in bacterial films of P. aeruginosa (75). 419 

Interestingly, the use of potential-sweep methods (square-wave voltammetry), as opposed to 420 



 15 

fixed-potential detection, enabled to detect the presence and concentration of multiple 421 

phenazine metabolites released by the bacterial film. This MEA allowed for monitoring the 422 

gradient distribution of metabolite secretion over a large sensing area of 8 × 8 mm
2
 at 225 µm 423 

spatial resolution, which corresponds to the electrode pitch. Up to 38 electrodes could be read 424 

out in parallel, and each potential sweep was carried out in 0.2 seconds. Impedance imaging 425 

can be used to provide information that is complementary to functional analysis through 426 

voltage recordings or electrochemical imaging for an in-depth analysis of cell and tissue 427 

models in vitro. 428 

Electrode impedance tomography (EIT) is a technique to generate 2D or 3D impedance-based 429 

images of a sample. EIT uses a set of electrodes, placed at specific locations of the sample, to 430 

inject small alternating currents and to measure the resulting voltages (77). Currently, EIT is 431 

used in medicine and industry, for example, for label-free and continuous monitoring of 432 

patient respiratory parameters during mechanical ventilation (78, 79), while its use for in vitro 433 

biological applications has also been explored (77, 80–82).  434 

A first example of EIT application in pharmaceutical research included its use to monitor the 435 

dissolution of pharmaceutical tablets (77). 80 electrodes were integrated within a test vessel, 436 

and the dissolution of sodium chloride tablets in water was monitored in real time by 437 

detecting local variations in conductivity caused by the dissolved salt. EIT enabled to follow 438 

the dissolution process without interfering with the stirring of the solution during the test. 439 

However, the analysis imposed strict requirements on the sample type and experimental 440 

conditions: the dissolution experiment needs to be carried out in solutions with low 441 

conductivity, such as distilled or tap water, and sample dissolution needs to cause a local 442 

increase in conductivity, which restricts the analysis to salts or charged forms of drugs.  443 

A prototype system featuring a cuboidal sample container, equipped with 18 electrodes on 444 

opposing faces for current injection and 360 voltage-sensing electrodes on three “imaging” 445 

sides, was proposed as potential approach to monitoring tissue models in vitro (81). The 446 

system was tested with different physical models of dimensions of several millimeters to 447 

assess the performance of the micro-EIT system and the reconstruction algorithms. These 448 

preliminary experimental tests were used for optimization of micro-EIT test systems, which 449 

could theoretically provide a spatial resolution of less than 100 µm for monitoring the growth 450 

of small tissue models in real-time.  451 

Imaging of breast cancer microtissues was achieved with a planar EIT sensor, which consisted 452 

of 16 microelectrodes, placed along the circumference of the base of a cylindrical cell-culture 453 
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well of 15 mm in diameter, plus one grounded microelectrode at the center of the well (Figure 454 

6) (82). By exploiting a novel image reconstruction algorithm, the system was able to produce 455 

a 3D image representation of a microtissue spheroid of 550 µm diameter, which corresponded 456 

to ~3.7% of the diameter of the EIT system. The same system was then used to monitor, in 457 

real time, the loss of cell viability of a cancer spheroid exposed to Triton-X, which is known 458 

to rapidly permeabilize the cell membrane (80). New reconstruction algorithms based on 459 

machine learning have been recently proposed to further improve the spatial resolution of 460 

micro-EIT systems (83). Finally, while EIT enables to provide information on the internal 461 

impedance distribution within 3D cellular constructs, the development of reconstruction 462 

algorithms for each application and setup is not trivial, which currently limits the wide 463 

adoption of this imaging technique.  464 

 465 

 466 

Figure 4. Impedance-imaging with HD-MEAs for the detection of cellular adhesion and 467 

micromotion. (a) Simulated spatial distribution of the electrical potential in 150 mM salt 468 

solution at 10 kHz and 50 MHz stimulation frequencies. The fields are simulated for a 90-nm-469 

diameter Au electrode and the presence of a 4.4 µm polystyrene bead (dashed line) positioned 470 

on the array. At low frequencies, the electric field only interacts with the bead when the bead 471 

is located within ~10 nm distance from the electrode, due to the screening effect of the 472 

electrode-electrolyte double layer. By increasing the stimulation frequency to 50 MHz, the 473 

electric field extends further into the solution. (b) Capacitance values measured with a single-474 

electrode (right), marked in red, during (i) PBS washing, (ii) introduction of cells in medium, 475 

(iii) cell attachment and (iv) cell micromotions; adapted with permission from Laborde et al., 476 

Nat. Nanotech. 2015 (11).  477 
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 478 

Figure 5. Multifunctional HD-MEAs. (a) A micrograph of the HD-MEA chip with the main 479 

functional blocks highlighted in the picture (left) The array featured 59’760 platinum 480 

electrodes at a 13.5 µm pitch) The HD-MEA was used for impedance imaging and 481 

electrophysiological recordings of an acute brain slice (right). The electrical recordings are 482 

compared to a micrograph of the slice; adapted with permission from Viswam et al., IEEE 483 

Trans. Biomed. Circuits Syst. 2018 (12). (b) HD-MEA with 16 active areas, each of which 484 

includes 1024 TiN electrodes. The main functional blocks are indicated in the chip schematic, 485 

including 64 stimulation units and 1024 voltage-recording units, 64 multiplexers (MUX) and 486 

64 analog-to-digital converters (ADC). Impedance recordings were used to reconstruct the 487 

spatial distribution of primary neurons that were cultured on chip and to correlate their 488 

positions with their electrophysiological activity (right); adapted with permission from 489 

Miccoli et al., Front. Neurosci. 2019 (13) – Creative Commons Attribution License (CC BY).  490 

 491 
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  492 

Figure 6. EIT sensor chip. (a) Schematics and picture of a planar EIT sensor at the bottom of 493 

a 15-mm-diameter tissue-culture well. (b) The sensor enabled to reconstruct the 3D shape of 494 

microtissues of different size positioned within the well (top). The correlation between the 495 

EIT-reconstructed image and microscopy image for each microtissue size was reported 496 

(bottom); adapted with permission from Wu et al., Analyst 2018 - Published by The Royal 497 

Society of Chemistry (80). 498 

3. Circuitry for impedance measurements: circuit topologies 499 

Impedance sensing relies on measuring the relationship between the voltage drop across a 500 

sample and the current flowing through it. Different circuit topologies can be selected 501 

according to the most relevant requirements of the detection task, such as desired accuracy, 502 

frequency selectivity, measurement speed, parallelizability, or simplicity of the 503 

implementation.  504 

MEAs can be assigned to two main categories: (i) passive electrode arrays, which feature 505 

metal electrodes on top of glass or silicon substrates that are then connected to external 506 

impedance measurement equipment; (ii) active electrode arrays, mostly fabricated in CMOS 507 

technology, which feature monolithic integration of electrode array and, at least, parts of the 508 

readout circuitry on the same chip. CMOS-MEAs offer the possibility to devise high-density 509 

electrode arrays with tens of thousands of electrodes that can be used for multiple functions 510 

(84, 85) and enable a high-level of parallelization. In this section, we will review the main 511 

circuit topologies and implementations for impedance recording with MEAs and HD-MEAs. 512 

3.1. Potentiostats  513 

The operation principle of a potentiostat is based on controlling the potential difference 514 

between a working and a reference electrode by applying a current through a counter 515 

electrode (Figure 7(a)) in a classical three-electrode setup. An operational amplifier with 516 
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negative feedback is used to adjust the current and to counterbalance any deviation from the 517 

target voltage. Potentiostats are widely used for electrochemical measurements and in 518 

commercial impedance analyzer devices (86–89). The sample impedance is calculated from 519 

the ratio between the applied voltage and the measured current, i.e., by using a known resistor 520 

in series to the sample.  521 

Goikoetxea et al. designed an impedance measurement system, which featured a 20-channel, 522 

passive MEA with TiN electrodes (88), where the electrode impedance was monitored with a 523 

benchtop potentiostat by sequentially multiplexing between the electrodes. Zhang et al. 524 

presented a single-cell impedance measurement system with 128 passive electrodes that used 525 

dielectric forces to locate and drive the cells on top of the measurement electrodes (89). 526 

Moreover, the authors used an external potentiostat-based impedance analyzer to carry out the 527 

impedance recordings.  528 

Potentiostat-based detection is commonly used in commercial equipment owing to its wide 529 

frequency spectrum, high dynamic range and its suitability for electrochemical measurements. 530 

This detection method is not common in CMOS integrated circuits for impedance detection, 531 

as it typically requires high circuit complexity and large silicon area and potentially entails 532 

high power consumption, all features that ultimately limit parallelizability and large-scale 533 

integration.  534 

3.2. Lock-in amplifiers 535 

A lock-in amplifier enables to extract low-amplitude signals with known periodicity from a 536 

noisy background and to measure single-frequency signals with remarkable accuracy. Lock-in 537 

detection is carried out by multiplying the readout signal with in-phase and quadrature (i.e., 538 

90º-shifted) reference periodic signals, the periodicity of which equals that of the signal of 539 

interest. The multiplication results in a demodulation of the signal information at low 540 

frequencies, typically referred to as in-phase/quadrature (I/Q) demodulation, where undesired 541 

components and out-of-target-frequency noise can be easily eliminated using a low-pass filter. 542 

By multiplying with both, the in-phase and quadrature reference signals, lock-in detection 543 

enables to measure the real and imaginary component of the signal (90, 91). The same 544 

periodic signal can be used for stimulation and for generation of the reference signals for 545 

lock-in demodulation, which enables to measure the absolute magnitude and phase delay of 546 

the detected signal (Figure 7(b)) (10). Typically, a sinusoidal voltage stimulation is generated 547 

by the lock-in amplifier. The current flowing through the test system is converted into a 548 



 20 

voltage using a TIA before feeding it back to the lock-in detector for multiplication with the 549 

reference signals and subsequent low-pass filtering. Impedance values can then be extracted 550 

by calculating the ratio of the applied stimulation voltage and the measured current. 551 

Lock-in detection is widely used in active CMOS-MEAs for obtaining impedance recordings 552 

of cells on electrode arrays. Chi et al. proposed an impedance sensing circuit for an integrated 553 

MEA system, where the reference signal was applied to one electrode and the sensing current 554 

was measured from four adjacent electrodes (72). The sensed current was then multiplied with 555 

in-phase and quadrature reference current signals, low-pass filtered, and amplified with a 556 

variable-gain amplifier on chip. The low-pass-filtered and amplified signal was digitized off-557 

chip using a data acquisition (DAQ) board, which enabled to record up to nine sensing units 558 

in parallel. Impedance signals were then extracted by calculating the ratio between the voltage 559 

signal applied at the reference electrode and the average current flowing through the four 560 

sensing electrodes. Modified versions of this impedance sensing circuit, all based on off-chip 561 

digitalization, have been presented by the same research group (92, 93). However, off-chip 562 

digitalization increases the complexity of the experimental setup and strongly limits the 563 

number of electrodes that can be simultaneously recorded from. 564 

Viswam et al. demonstrated an impedance spectroscopy system, based on an integrated lock-565 

in amplifier. The on-chip waveform generator provided a sinusoidal voltage stimulation with 566 

a tunable frequency in a frequency range between 1 Hz and 1 MHz. The current flowing 567 

through the sensing electrode was then converted to a voltage via an integrated TIA, 568 

multiplied with the in-phase and quadrature reference signals, and subsequently low-pass 569 

filtered and digitized on-chip using a sigma-delta analog-to-digital converter (ADC) (12, 45). 570 

The system included 32 impedance measurement units in parallel, which could be connected 571 

to any of the 59’760 platinum electrodes of the array, to measure both the real and imaginary 572 

components of the impedance in parallel. However, the system only allowed to detect the 573 

impedance at a single frequency at a time for all connected electrodes. To perform impedance 574 

spectroscopy analysis, it is required to sweep the excitation signal across multiple frequencies 575 

sequentially, which resulted in long acquisition times per frequency sweep depending on the 576 

number of detected frequency points and the frequency range. A similar sequential approach 577 

was also used in the integrated HD-MEA, developed by Lopez et al.
 
(73). However, here the 578 

authors used square-wave current-stimulation signals, while the cell impedance was measured 579 

by detecting voltages at the sensing electrodes. This impedance measurement structure takes 580 

advantage of current generators and amplifiers that were already implemented in the HD-581 
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MEA for cellular stimulation and voltage recording, which resulted in a compact and power-582 

efficient design. Electrode voltage recording was performed by using an amplifier, equipped 583 

with choppers, which allowed to demodulate the impedance signal to low frequencies (<10 584 

kHz) and to subsequently digitize those on-chip. The system featured 64 channels, which 585 

could be configured to provide either the in-phase or quadrature phase signals so as to 586 

calculate the real and imaginary parts of the sample impedance off-chip. The spatial 587 

resolution of the system was limited by the multiplexed structure of the array, on which 588 

electrodes were arranged in pixels with four electrodes per pixel. While the electrode pitch 589 

was 15 μm, only one of the four electrodes in each pixel could be recorded from at a given 590 

time. 591 

3.3. Simultaneous multi-frequency detection 592 

Analyzing the impedance at multiple frequencies using single-frequency lock-in detection can 593 

be time consuming, especially at low frequencies, as each frequency of interest must be 594 

measured sequentially. Therefore, different detection methods have been developed to enable 595 

the characterization of impedance across a wide range of frequencies at higher temporal 596 

resolution. To enable wideband detection, the stimulation signal must present a power 597 

spectrum, distributed across multiple frequencies, e.g., by using a pulse stimulation, a linear 598 

combination of several sinusoidal signals or a random signal. Dedicated, specialized detection 599 

circuits have, therefore, been designed to be able to simultaneously process the system 600 

response across a wide range of frequencies of interest (Figure 7(c)).  601 

Liu et al. demonstrated a pulse-based impedance-spectrum-measurement system using a four-602 

electrode setup and off-chip components (94). A short current impulse signal was applied to a 603 

cell using a pair of stimulation electrodes and amplified with a differential amplifier. The 604 

amplified signal was then band-pass filtered and digitized using a high-speed ADC. 605 

Impedance values across the spectrum of interest were then calculated by Fourier 606 

transformation of the digitized signal during post-processing. 607 

Bragos et al. proposed a multiple-frequency detection system that used broadband, burst 608 

stimulation signals, such as multi-sine waveforms with distributed frequencies, which were 609 

provided by an arbitrary-waveform generator (95). The authors used a four-electrode 610 

configuration, with two current-stimulation electrodes and two voltage-readout electrodes. 611 

The front-end circuit included a voltage-controlled current source for generating the 612 

stimulation current, a differential amplifier for measuring the tissue-sample response, and a 613 

current-to-voltage converter for monitoring the applied stimulation current. All recorded 614 
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signals were then captured by an external digital oscilloscope, and impedance calculation was 615 

then performed during data post-processing. Although responses of the system at multiple 616 

frequencies could be obtained from a single measurement, post processing of the signals to 617 

extract the impedance values complicated data acquisition. Furthermore, since the stimulus 618 

signal contained power at multiple frequencies, the power spectral density at each frequency 619 

inevitably was low, which rendered the output signal more sensitive to noise. The accuracy of 620 

the measurement may be even more decreased during post-processing due to the crosstalk 621 

between signals at different frequencies. 622 

Hamilton et al. proposed a cell impedance sensor based on a “silicon cochlea” to provide 623 

simultaneous impedance sensing over a wide frequency range (from Hz to MHz) (96). The 624 

simulated circuitry included both, a multiple-frequency signal generator (current stimulator) 625 

and an analyzer part. In this implementation, the voltage of a sensing electrode was fed to a 626 

voltage-to-current converter, and the corresponding current was split up into components at 627 

different frequencies with cascaded low-pass filters. However, the multiple analog outputs of 628 

the circuit require digitalization for each frequency output of the electrodes, which massively 629 

increases the complexity of the detection system.  630 

Simultaneous multi-frequency detection has not been widely adopted for integrated CMOS 631 

systems, probably due to the lower accuracy in comparison to well-established single-632 

frequency techniques such as I/Q demodulation. However, simultaneous multi-frequency 633 

detection may be suitable for applications where fast impedance monitoring has priority over 634 

high-accuracy (73). 635 

3.4. Capacitive sensing 636 

For many applications, measuring only the imaginary component of the impedance may be 637 

sufficient for extracting the information of interest, such as the presence of a cell on an 638 

electrode or cell adhesion (97). Typically, capacitive measurements can be carried out using 639 

simpler circuit schemes than those used for absolute impedance detection. Figure 7(d) shows 640 

an example of a charge-based capacitive measurement (CBCM) circuit to measure variations 641 

of the electrode capacitance. First, the sensing electrode capacitance (CS) and reference 642 

capacitance (CR) are charged (through c) to a fixed voltage, while the charging currents are 643 

sensed. The reference current (IR) is then subtracted from sensing current (IS), and the 644 

difference is accumulated in the integrating capacitor (Cint). The resulting voltage is 645 

afterwards digitized with an ADC and provided as the output. Finally, the system is reset by 646 

discharging (through d) the capacitors.  647 
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Nabovati et al. developed an 8 × 8 MEA, where the capacitance difference between sensing 648 

and reference electrodes was measured by using the CBCM system as illustrated in Figure 649 

7(d)  (98, 99). The output voltage was then digitized with an on-chip sigma-delta ADC and 650 

was analyzed to estimate the capacitance change during post-processing. Despite featuring a 651 

comparably large electrode pitch (~ 180 μm), which limited spatial resolution, the fully 652 

integrated MEA enabled to detect small capacitive changes caused by single cells growing 653 

atop the array owing to the interdigitated electrode structure. A much higher spatial resolution 654 

was obtained by Widdershoven et al., who developed a HD-MEA of 65’536 gold-copper 655 

nanocapacitor electrodes for high-frequency impedance imaging (11, 100). The readout 656 

circuit used the CBCM technique to observe the capacitance change on the electrodes and to 657 

obtain real-time capacitance images of cells. Finally, another example of capacitive sensing 658 

for impedance analysis was described by Prakash et al.
 
(101). The authors presented a charge-659 

sharing-based capacitive sensor for tracking cell adhesion and cell health. The authors could 660 

differentiate healthy and diseased cells by detecting the differences in cell adherence to the 661 

electrode surface. The stronger adherence of healthy cells led to a higher capacitive coupling 662 

at the electrode, which could be detected by charging and discharging the electrode 663 

capacitance. 664 

These examples show how capacitive coupling can be used to obtain high-resolution electrical 665 

imaging of cells on electrode arrays and information on cell adherence. However, the use of 666 

high-frequency detection limits the amount of information that can be extracted with this 667 

technique.  668 

3.5. Impedance-to-frequency conversion  669 

With the previous methods, impedance is quantified by measuring the current through (or 670 

voltage across) a sample to which a stimulus is applied. However, impedance can also be 671 

estimated by integrating the sample as part of an electrical oscillator, so that the oscillator 672 

frequency is directly dependent on the sample impedance. Measuring oscillation frequencies 673 

can be carried out in a relatively simple way, especially with modern CMOS technology, 674 

where hundreds of oscillators and frequency-measurement units can be combined into the 675 

same integrated circuit. Therefore, this detection method is of great interest for achieving 676 

massively parallelized measurements. The topology of the oscillator and the type of 677 

impedance to be analyzed directly influence the oscillator sensitivity (i.e., the relationship 678 

between oscillation frequency and impedance) and phase noise (i.e., random frequency 679 

fluctuations), which dictate the fundamental limit of accuracy of this technique (102, 103). 680 
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Relaxation oscillators are a common choice for capacitive sensors, since the oscillation is 681 

generated by charging and discharging a capacitor between two voltage thresholds (Figure 682 

7(e)). Van der Goes et al. presented a readout circuit based on a relaxation oscillator that has 683 

been sequentially connected to a capacitive sensor and fixed capacitors (46). An off-chip 684 

microcontroller was used to measure the oscillation frequencies, and the sample capacitance 685 

was then calculated from the differences in oscillation frequency. The use of fixed capacitors 686 

as reference enabled a continuous autocalibration of the readout circuit, rendering this 687 

solution more robust against undesired drifts caused by fluctuations in environmental 688 

conditions or against fabrication process variations. However, the use of an off-chip 689 

microcontroller for frequency measurement impedes parallelization and the integration of 690 

multiple units in an array. Stagni et al. presented a DNA sensor array featuring 128 oscillator-691 

based, differential capacitive sensors with on-chip counters for the parallelized monitoring of 692 

the respective oscillation frequencies (67).  693 

 694 

 695 

Figure 7. Simplified schematics of the circuit topologies commonly used for impedance 696 

sensing. (a) Potentiostat-based impedance sensing. The voltage difference between reference 697 

(RE) and working electrode (WE) is controlled by an operational amplifier, which injects a 698 
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current through the counter electrode (CE). The injected current that is required to keep the 699 

sample voltage equal to the stimulation voltage (Vin) depends on the sample impedance. The 700 

injected current can be measured by using a known resistance (Rs) in series with the WE and 701 

by measuring the potential drop (Vs) across it. (b) Lock-in detection. A stimulation voltage is 702 

applied to the sample, and the resulting current is converted to a voltage using a TIA. The 703 

TIA output is multiplied with in-phase and quadrature phase reference signals (RS) to 704 

demodulate the signal at the frequency of interest. The demodulated signals are then low-pass 705 

filtered to eliminate out-of-target-frequency noise and to calculate the signal amplitude and 706 

phase. (c) Simultaneous multiple-frequency detection. The applied stimulation signal can be a 707 

square pulse or a linear combination of multiple sinusoidal waveforms. The response of the 708 

sample is measured with a wide-range amplifier, which is then followed by multiple band-709 

pass filters (BPFs), and digitized by a set of analog-to-digital converters (ADCs) in parallel 710 

to simultaneously measure the sample response at multiple frequencies. (d) Charge-based 711 

capacitive sensing. The sample capacitance and a reference capacitor (CR) are charged to a 712 

constant voltage (VDD) using two switches (Φc), while measuring the current flowing through 713 

each capacitor (IS and IR, respectively). The difference between these two currents is injected 714 

into a third capacitor, which acts as an integrator (Cint). The resulting voltage is proportional 715 

to the difference between sample and reference capacitances. After digitizing the output 716 

voltage, all capacitors are discharged (Φd). (e) Capacitance-to-frequency conversion based 717 

on a relaxation oscillator. The sample acts as a capacitor, which is repeatedly charged and 718 

discharged between two threshold voltages (VLo and VHi) by a comparator with hysteresis and 719 

a feedback resistor (R). The oscillation period is proportional to the time constant of the 720 

resulting RC circuit, which depends on the sample capacitance.  721 

4. Design considerations for different applications  722 

In addition to circuit topology for sensing, several other factors need to be considered for the 723 

design of a MEA or HD-MEA system for impedance detection. These factors include the 724 

geometry and material of the electrodes, the MEA topology, signal digitalization and 725 

multiplexing approaches, as well as sensitivity and noise characteristics. The different design 726 

options will be discussed in the following sections. We then summarize a variety of 727 

representative solutions that have been reported on in literature in a table which compares 728 

different approaches to designing MEA or HD-MEA systems (Table 1). 729 

4.1. Electrode geometries 730 
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Electrode size, the surface-area ratio between reference and sensing electrodes and the 731 

electrode pitch are key parameters that directly affect the signal quality, detection sensitivity 732 

and lateral resolution.  733 

Cells sedimenting on or attachment to an electrode cause an increase of the electrode 734 

impedance, as they block the electric currents through fractions of the electrode surface. The 735 

measured impedance increases as the ratio between the electrode area and cell dimension 736 

decreases (104). Generally, a decrease in electrode size or area results in an increase of the 737 

electrode impedance as a consequence of the smaller surface area and the smaller electrical 738 

double-layer capacitance at the electrode-electrolyte interface (51). The effects of a high 739 

initial impedance of small electrodes may superimpose to or even obscure cell-dependent 740 

variations at low frequencies, in particular, when the electrode diameter is below ~ 50 µm. 741 

For such small electrodes, the electrode impedance in physiological solutions can be in the 742 

MΩ range for frequencies up to ~ 10 kHz, if no surface modification is applied to increase the 743 

effective electrode area (105). The selection of a suitable electrode size strongly depends on 744 

the application of interest. For example, electrodes of hundreds of microns in diameter can be 745 

employed for monitoring the formation of a confluent cell layer (24, 51);  such large 746 

electrodes feature a large sensing area and allow for using simplified readout circuitry 747 

schemes, however strongly affecting the spatial resolution and signal sensitivity attainable. 748 

The electrode size and pitch directly define the spatial resolution that can be attained in 749 

impedance imaging. The development of integrated MEAs towards HD-MEAs featuring large 750 

numbers of small electrodes with dimensions comparable to the size of cells at low pitch 751 

enabled to attain more detailed information including tissue morphology and spreading (11).  752 

Impedance imaging is usually carried out in conjunction with other types of measurements, 753 

such as voltage measurements, so that an electrode size needs to be found that yields 754 

sufficient sensitivity and acceptable noise characteristics for all implemented detection 755 

methods. Simply decreasing electrode size and increasing the electrode number to improve 756 

spatial resolution results in complex readout architectures to handle the large number of 757 

electrodes or increased measurement time in case of a limited number of readout units, as well 758 

as higher microfabrication costs.  759 

Moreover, the counter electrode in three-electrode setups or the reference electrode in two-760 

electrode setups have to be much larger than the sensing or working electrodes to provide 761 

low-impedance paths for current injection (51). In MEA architectures that use alternating 762 

array electrodes as counter/reference electrodes for each sensing electrode, the size of the 763 
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counter/reference electrode is defined by the array electrode size and pitch. However, for 764 

MEA architectures featuring shared reference electrodes, the reference electrode size can be 765 

chosen with more freedom, as such shared electrodes are usually placed outside the array so 766 

that their size is not limited by size and pitch of working or array electrodes. Finally, the 767 

distance between sensing and reference electrodes also affects impedance measurements (51, 768 

104). If working and counter or reference electrodes are placed too close to each other, the 769 

current directly flows between the electrodes without being affected by cells or biological 770 

samples so that the measured impedance only depends on electrode and medium resistance 771 

(106, 107).  772 

4.2. Electrode materials 773 

Electrodes for impedance measurements of biological samples have been realized with 774 

different materials, such as gold (Au), platinum (Pt), silver/silver chloride (Ag/AgCl), 775 

titanium nitride (TiN), iridium oxide (IrO2) or ultra-nanocrystalline diamond (2, 45, 88, 108) . 776 

Gold and platinum are common material choices for MEA fabrication, as these materials 777 

feature high biocompatibility and stability, low resistivity and as they are compatible with 778 

microelectronic postprocessing, which is a fundamental requirement for the realization of 779 

highly integrated HD-MEA systems. Au and Pt surface properties can be readily altered by 780 

surface modification to, e.g., increase the effective electrode surface area by increasing 781 

surface roughness, which leads to a reduction of the electrode impedance by orders of 782 

magnitude (105, 109). Examples include the deposition of gold nanoparticles and carbon 783 

nanotubes on gold microelectrodes (109) or the electrodeposition of platinum black (Ptb) on 784 

platinum electrodes (105). Surface modification imposes an additional step in the fabrication 785 

process and to achieve a uniform deposition across the whole electrode array can be 786 

challenging. Surface properties can vary among electrodes or deposition runs, and 787 

characterization of individual electrode properties is required to compare measurements of 788 

different sensors. Finally, porous TiN coatings have also been used for HD-MEAs in in vitro 789 

and in vivo applications, as this material has shown electrical performance comparable to that 790 

of Au and Pt and high stability under physiological conditions (13, 110). A recent trend 791 

towards the use of 3D in vitro models has also fueled the development of 3D-MEA structures. 792 

Metal-based electrodes (typically Au and Pt) can be fabricated on different micro and 793 

nanostructures, such as flexible polyimide pillars (111) or silicon-based shanks (112), to 794 

realize 3D electrode arrays, which then can be interfaced with standard, planar readout 795 

circuitry. 796 
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Metal materials, however, are nontransparent and prevent optical access to the sample with 797 

inverted microscopes, which represents a major limitation for standard in vitro investigations 798 

of biological samples. Therefore, transparent, conductive materials, such as indium tin oxide 799 

(ITO) or functionalized iridium oxide (IrO2), have been explored as alternative electrode 800 

materials for passive MEAs on glass wafers to enable simultaneous optical and electrical 801 

characterization of cells in vitro (113–116). 802 

Recently, the use of hydrogel-based electrodes, which more closely match the mechanical and 803 

physical properties of biological samples, has been proposed (117). Hydrogel-based 804 

electrodes have not yet been widely applied in MEAs, however the interest in integrating 805 

hydrogel electrodes is rapidly growing, also for potential use in implants in vivo (118). 806 

Finally, new fabrication approaches, such as silicon nanowires (119) or multi-layered metal 807 

nanostructures (71), have been reported in literature to realize nanometer-dimensions 3D 808 

electrodes that enable highly parallel intracellular recordings without damaging cellular 809 

structures.  810 

 811 

4.3. Electrode array topologies 812 

MEA systems include conductive electrodes and the readout circuitry to record, amplify and 813 

filter the signals. In passive MEAs, electrodes are fabricated on a solid substrate (usually glass 814 

or silicon) (120) and connected via leads and wires to external readout circuitry. In contrast, 815 

active or integrated MEAs or HD-MEAs are usually monolithic systems, including 816 

microelectrodes and readout circuitry on the same silicon substrate and taking advantage of 817 

the high level of integration provided by CMOS technology. The design and fabrication of 818 

passive MEAs is simple, fast, and considerably less expensive than that of integrated MEAs 819 

or HD-MEAs, which facilitates rapid prototyping and optimization of electrode size and 820 

shape for different applications. However, the long connections between electrodes and 821 

readout circuits in passive MEAs typically entail higher noise levels, and the number and 822 

density of electrodes in the array is limited. In contrast, long and noisy connections are 823 

avoided in active MEA solutions, as the readout circuits are on the same substrate and at very 824 

short distance (typically less than a few millimeters) from the sensing electrodes, which 825 

results in better noise performance (85). Furthermore, reading from tens of thousands of (sub-826 

)micron size electrodes at low pitch, as they are available in modern HD-MEAs, requires 827 

dedicated on-chip addressing, signal processing and sampling or multiplexing schemes that 828 

can be fabricated with state-of-the-art CMOS technologies (11–13). Therefore, the availability 829 
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of CMOS HD-MEA technology is key for the realization of impedance-imaging systems, as 830 

the spatiotemporal resolution of the imaging is determined by electrode numbers and size, 831 

electrode pitch, and the achievable data acquisition rate.  832 

4.4. Signal conditioning, digitalization and multiplexing 833 

As mentioned above, signal conditioning, multiplexing, and digitalization strategies form part 834 

of fundamental design considerations for CMOS HD-MEA-based impedance sensors. Signal 835 

conditioning typically includes amplification and filtering to transform weak and noisy 836 

signals, detected at the electrodes, into robust signals for processing in subsequent stages. The 837 

design of the amplifiers has to be done with due regard to the expected input signals and the 838 

dynamic range and resolution in subsequent stages. The gain must be large enough to ensure 839 

that the smallest features of interest remain detectable during further processing. However, 840 

extremely large gains may cause system saturation in the presence of large input signals. To 841 

be able to record input signals with different amplitude ranges, amplifiers can feature variable 842 

gain, which can be adjusted with respect to the input signal amplitude (12, 73). For 843 

measurements based on current sensing, signal conditioning stages may include a TIA for 844 

current-to-voltage conversion, since voltage signals are typically preferred for processing in 845 

subsequent stages. Analog lock-in amplifiers can be integrated as part of the signal 846 

conditioning chain, including the demodulation of high-frequency signals at low frequencies, 847 

which eases further analog processing (10, 12). Besides amplification, filtering is performed 848 

to attenuate out-of-band signals. High-pass filtering is only required, if the expected input 849 

signal has low-frequency (or continuous) components that would saturate amplifiers, or to 850 

adapt baselines between different stages. However, low-pass filtering is required in most 851 

designs to limit the signal bandwidth before sampling and to prevent aliasing in the next 852 

stages. 853 

Different multiplexing and digitalization schemes impose different requirements on the 854 

performance of the different components of the readout chain, such as noise characteristics, 855 

bandwidth, and available area for analog processing units as well as the number, dynamic 856 

range, speed and resolution of the ADCs. A first option is to condition and digitize the signal 857 

directly at the sensing site, followed by multiplexing of the digital signals (67). This 858 

implementation provides the possibility of performing parallel measurements with a large 859 

number of electrodes. However, the performance of the sensing and digitalization circuits is 860 

limited by the available area in each electrode pixel, which, in turn, determines electrode 861 

density.  862 
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An alternative approach includes to perform simple signal conditioning at each sensing 863 

electrode and to multiplex the resulting signals to a set of ADCs outside the active area for 864 

signal digitalization, which disentangles the ADC requirements and electrode pixel area 865 

(electrode size and pitch) (73). This alternative implementation requires a lower number of 866 

ADCs, and signal processing (including lock-in detection) can be carried out digitally on chip 867 

or during off-chip postprocessing. The challenge here lies in the design of high-performance 868 

ADCs, both in terms of resolution and speed, to avoid losing information during signal 869 

digitalization and multiplexing. However, complex signal processing, such as signal filtering 870 

and multiplication, can be implemented in the analog domain and the digitalization of the 871 

processed signal can be done afterwards (12). In such an approach, the design challenges 872 

mostly concern the design of analog processing circuits, however, with the benefit of relaxed 873 

requirements for the design of the ADCs.  874 

4.5. Sensitivity and noise 875 

The detection limit of a sensor is determined by its signal-to-noise ratio (SNR), which defines 876 

the minimum signal that can be reliably detected given the measurement noise. Here, we refer 877 

to measurement noise as any fluctuation in the recorded signal that is not considered a signal, 878 

i.e., is caused by a change in the sample. High SNR requires high sensitivity, i.e., large 879 

variations of the output signal upon small variations in the sample, and low noise levels, i.e., 880 

small signal variations that are not related to changes in the sample impedance.   881 

Maximizing sensitivity of impedance measurements requires to find an optimum 882 

measurement frequency where a maximum change in signal output is obtained in dependence 883 

of impedance magnitude and/or phase changes of the sample. Simulations and analysis of 884 

sample impedance models can be used to determine detection frequencies, at which sample 885 

variations produce large impedance variations. As the effects of the parasitic elements and 886 

connection lines are often not included in the simulations, detection frequencies need to be 887 

determined experimentally  (51, 104, 106). Finally, sensor sensitivity is highly dependent on 888 

electrode size and surface properties. Therefore, the electrode properties, in particular the 889 

impedance of the electrode and its connections, need to be optimized to ensure good 890 

sensitivity in the frequency range of interest (98).  891 

The most efficient approaches to reduce signal noise rely on reducing the intrinsic noise of the 892 

read-out components, filtering out the out-of-band noise, and using differential measurement 893 

configurations. Noise can be introduced at any stage of the signal generation and readout, i.e., 894 

during stimulation, signal amplification, demodulation and filtering, as well as during data 895 
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conversion and transmission. For the impedance measurement methods that are based on 896 

applying a stimulus and recording the resulting current/voltage, such as lock-in detection or 897 

the use of potentiostats, the SNR can be improved by increasing the amplitude of the applied 898 

stimulus to the highest possible levels at which the sample is not affected and the input range 899 

of the readout circuits is not exceeded.  900 

Frequency-domain filtering is an effective way to reduce the noise by removing out-of-band 901 

signal contributions, since specific sample features may only be detected within defined 902 

frequency ranges. Ideally, the filter should feature a very narrow passband around the 903 

frequencies of interest for the impedance measurement. The design of such filters can be 904 

challenging in the analog domain and, so that signals are frequently post-processed in the 905 

digital domain. However, filtering is remarkably effective and simple for impedance sensors 906 

based on lock-in detection, since filtering of the down-modulated signal after multiplication 907 

can be carried out using a dedicated low-pass filter (12). Finally, differential schemes, 908 

whether applied during signal acquisition or post-processing, are an effective means to greatly 909 

reduce the effect of power-supply noise or environmental noise. Acquisition of differential 910 

signals, however, requires more circuitry, therefore larger areas for implementation, which 911 

could impact electrode density or increase fabrication costs. While differential values can 912 

often be calculated during data post-processing, this solution may yield lower accuracy and 913 

less noise suppression than differential signal acquisition. 914 



 32 

Table 1. Applications, circuitry architectures and design options of some representative MEA-based impedance measurement systems. 915 

 Application Frequency 

range (Hz) 

Number of 

electrodes 

Electrode size Electrode 

material 

Electrode 

pitch (µm) 

Circuitry Architecture MEA 

type 

Liu et al. 2009 

(121) 

Detection of cell adhesion, spreading, and 

proliferation  

1 - 1 M 100 80 µm * Pt 200 Potentiostat-based sensing Passive 

Mucha et al. 

2011(122) 

Detection of cell reactions and adhesion  -- 64 55 × 55 µm2 Au -- Impedance-to-frequency 

converter 

Active 

Mamouni et al. 

2011 (123) 

Detection of cell adhesion, spreading, and 

proliferation 

10 - 1 M 50 15 × 15 µm 2 †
 Au -- Potentiostat-based sensing Passive 

Widdershoven 

et al. 2015 

(100)  

Impedance imaging of cells, detection of dynamic 

attachment and cellular micromotion 

1 M – 70 M 65’536 180 nm * Au 0.6 × 0.89 Capacitive sensing Active 

Viswam et al. 

2018 (45) 

Detection of cell adhesion, differentiation and 

spreading, impedance imaging of tissue slices 

1 - 1 M 59’760 3 × 7.5 µm2 Pt black 13.5 Lock-in detection Active 

Lopez et al. 

2018 (73) 

Detection of cell contractility with impedance 

monitoring module, 

Detection of cell morphology, differentiation, and 

adhesion with impedance spectroscopy module 

10 – 1 M ‡  16’384 2.5 × 3.5 µm2 

4.5 × 4.5 µm2 

6.5 × 7 µm2 

10.5 × 11 µm2 

 

TiN 15  Lock-in detection Active 

Goikoetxea et 

al. 2018 (88) 

Characterization of biofilm structure 1 - 100 k 64 60 µm * TiN 100 Potentiostat-based sensing Passive 

Jung et al. 

2019 (93) 

Detection of cell distribution, growth, and 

proliferation 

15 k - 500 k 21’952 8 × 8 um Au 16 Lock-in detection Active 

Nabovati et al. 

2019 (99) 

Detection of cell-surface binding 1 - 100 k 64 5 × 25 µm2 † PEM § ~180 Capacitive sensing Active 

* Diameter of circular electrodes, 

† Interdigitated electrodes, 

‡ 1 Hz and 10 kHz for fast impedance monitoring at fixed frequency 

§ Polyelectrolyte multilayer films 

 916 
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5. Outlook 917 

Impedance imaging is a real-time, label-free and non-invasive measurement method, which 918 

can be used for long-term characterization of cells and tissue models. The small form factors 919 

of the sensor chips and the electronic nature of the detection render this technique particularly 920 

suitable for parallelization and automation. Real-time monitoring of cell and tissue dynamics 921 

can be performed very efficiently and rapidly in comparison to optical microscopy. High 922 

sampling rates, which can be achieved by measuring the sample impedance at a single high 923 

frequency, enable to detect rapid dynamics, such as cell micromotions, on the sensor surface 924 

at high spatiotemporal resolution and over large sensing areas (up to few mm
2
). Although EIS 925 

imaging may feature a low level of specificity in the discrimination of different cell types, 926 

which only depends on the dielectric properties of the cells, impedance-based imaging 927 

enables to characterize samples optical access to which is not possible, such as tissue slices on 928 

MEAs during electrophysiological recordings or brain tissue in vivo while using MEA-based 929 

brain implants (124–126). The development of MEA brain implants has been mainly focused 930 

on recording of neural activity or brain stimulation. However, the presence of hundreds or 931 

thousands of implanted electrodes would also enable to study the dielectric properties of the 932 

environment in which the devices were implanted, and to perform imaging under conditions 933 

of no optical access. Detecting variations in the surroundings of the implants could potentially 934 

be useful to track the position of electrodes, or to monitor electrode surface properties and the 935 

integrity of the host tissue over longer periods of time. 936 

Further developments of MEAs or HD-MEAs for impedance imaging revolve around 937 

increasing the number of electrodes and reducing their pitch to achieve high spatial resolution. 938 

CMOS-based HD-MEAs represent the only viable approach to attain (sub)micrometer 939 

resolution and highly parallel detection, although the integration of thousands of compact and 940 

power-efficient circuits represents a major design challenge. As advances in CMOS 941 

technology have greatly improved the efficiency of digital circuits in comparison to their 942 

analog counterparts, an early digitalization of signals and a minimization of analog processing 943 

on chip may provide a viable solution. At the same time, increasing the number of 944 

measurement units will produce large datasets that need to be recorded and processed, which 945 

requires fast data-acquisition systems and powerful data-analysis units, especially in case of 946 

multi-frequency measurements. Therefore, digitalization and signal pre-processing, such as 947 

Fast Fourier Transformations (FFTs), directly on-chip will likely play a key role in the 948 

development of highly parallelized HD-MEAs as they offer the possibility to rapidly acquire 949 
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impedance recordings over a large spectral range at high temporal resolution. However, the 950 

development of CMOS-MEAs requires - owing to design complexity and fabrication costs of 951 

integrated circuits - much larger time and financial investments in comparison to the 952 

fabrication of passive MEAs. Therefore, the development of custom-designed CMOS-MEAs 953 

for specific applications can only be justified by either unique functionality or performance 954 

that cannot be achieved otherwise or by large numbers of devices that can be produced at 955 

comparably low costs.  956 

Finally, technological and theoretical improvements in electrical impedance tomography 957 

(EIT) may also increase the relevance of impedance techniques for studying biological 958 

samples. Multi-frequency impedance tomography (also known as electrical impedance 959 

tomography spectroscopy; EITS) is a promising non-invasive technique to analyze frequency-960 

dependent characteristics of a sample (127). The complexity of the computations required to 961 

reconstruct the image of the sample requires novel reconstruction algorithms and efficient 962 

hardware implementations. Machine learning techniques my prove useful for handling and 963 

simplifying the high-dimensional data required through EIT (128, 129), especially for 964 

imaging approaches involving multi-frequency measurements. The resolution and robustness 965 

of EIT can also be improved by including a priori knowledge about the sample, and adjusting 966 

image reconstruction algorithms to exclude reconstructed images that are not compatible with 967 

the known physical properties of the sample (130, 131). Passive electrode arrays with low 968 

numbers of electrodes can be controlled through field-programmable gate arrays (FPGAs), on 969 

which efficient post-processing algorithms can be implemented (132, 133). CMOS HD-MEAs 970 

are well suited for performing EIT measurements owing to their small pitch and large number 971 

of electrodes. However, given that CMOS HD-MEAs are prevailingly implemented in older 972 

technologies (such as 0.18 µm), the performance of on-chip digital circuitry is poor in 973 

comparison to modern nanometer-technology CMOS processors. Therefore, it may be more 974 

efficient to perform image reconstruction using separate dedicated electronics chips.  975 
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