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which can move with the tissue and have been shown to elicit a significantly reduced 

biological response [100]. In addition to using soft, compliant materials, reducing the size of 

the electronics can also reduce the inflammatory response by reducing the tissue 

compression forces and damage to capillaries and vasculature during insertion [101].  

This poses another significant challenge for implantable electrodes: while making 

them ultra-compliant and reducing their dimensions can greatly improve their long-term 

recording functionality, implanting such devices into neural tissues becomes challenging 

because they may be too compliant to bear the necessary insertion forces to enter the tissue, 

and instead buckle. Numerous strategies have emerged for implanting soft probes into neural 

tissue, including the use of temporary rigid insertion shuttles [100], dissolvable coatings 

[102], shape memory polymers [103], and microfluidic actuation [104], among others [105].  

Figure 2.7 Biological response to implantation of a stiff probe. Illustration of the (A) acute, and (B) 
chronic phases of the biological response to stiff microelectrodes implanted into brain tissue. (C) 
Legend of symbols used in (A) and (B).  
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Another key challenge for implantable interfaces is the durability of the electrode and 

insulation materials in the warm, wet, oxidizing environment of the body. The electrode 

material must be corrosion-resistant over the planned life of the implant, which is one reason 

noble metals, such as Pt and its alloys, have been widely used in clinical devices such ECoG 

and sEEG. If the electrode will be used to deliver electrical stimulation, avoiding 

electrochemical corrosion during charge injection cycles also becomes an important 

consideration. The insulation materials must also withstand cracking and delamination, as 

this leads to current leakage and potential shorts, parasitic capacitances, fluctuations in 

electrode impedance, and accelerated degradation of the underlying conductive layers [106].  

Finally, minimizing electrode impedance is an important consideration for any 

implantable interface, and it becomes a significant challenge when electrodes are 

miniaturized to achieve high spatial resolution recording or microstimulation. Electrode 

impedance will be discussed in more detail in Section 2.4, however a key relation is that 

impedance rises as the size of an electrode is reduced. Achieving a low interface impedance 

is key for recording high-fidelity signals, as well as for safely and efficiently delivering charge 

for stimulation. Thus, choosing electrode materials that effectively minimize impedance is a 

primary consideration for implantable interfaces.  

2.3.2 Epidermal interfaces   

Epidermal electrode interfaces face a different set of challenges compared to 

implantable devices, however there are many areas of overlap. Like implantable interfaces, 

mismatch in mechanical properties between electronics and the soft, flexible skin is one 

important challenge. Human skin has a Young’s modulus of ~20-100 kPa, and can sustain up 

to 15% tensile strain during normal motions [107], [108]. Thus, achieving compliant and 

conformal contact between an epidermal sensor and the skin requires using soft, flexible, and 

even stretchable materials. Insulating elastomeric substrates can meet these requirements, 

however this is a more challenging problem for the conductive materials used for the 

electrodes and interconnects. One common strategy for enabling deformable electronics is to 

pattern thin metallic films into serpentine or fractal mesh geometries to minimize local 
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strains [108], however other strategies incorporating stretchable hydrogels [109], liquid 

metals [110], and carbon nanotube composites [111] have been demonstrated.  

In epidermal interfaces, the electrode-tissue interface impedance is an even bigger 

challenge than it is for implantable interfaces. The epidermis is essentially an “information 

barrier”, insulting external electronics from the signals coming from deeper muscle or nerve 

tissues [112]. The topmost layer, the stratum corneum, consists of dead skin cells and 

intercellular lipids and it is electrically insulating, with a resistance that is significantly higher 

than that of the underlying layers of the epidermis [112]. This layer dominates the electrode-

skin interface impedance, which can be variable depending on skin hydration. 

There are two main classes of epidermal interfaces: “wet” electrodes that use a 

conductive hydrogel at the interface, and “dry” electrodes which do not have a hydrogel. Wet 

electrodes typically achieve lower impedance because they hydrate the stratum corneum and 

facilitate ionic exchange, and they are the preferred type for clinical ECG and EEG monitoring. 

The hydrogels employed in these wet interfaces can pose significant problems for long-term 

use, however, including skin irritation, and impedance variability as the gels dry out [113], 

[114]. For scenarios where long-term wear, repeated placement and removal of the device, 

or easy at-home use are desired, a dry electrode format may be more suitable. Achieving low 

electrode-skin interface impedance is even more challenging for dry interfaces: they do not 

offer direct skin-hydrating effects, and the roughness of the skin may introduce air pockets 

between the skin and sensor, causing increased resistance [112]. Artifacts induced by motion 

of the electrode relative to the skin are also typically more pronounced in dry electrodes 

[115]. To overcome these challenges, new dry electrode technologies have focused on ultra-

thin, ultra-conformable architectures in order to ensure robust, gap-free contact [116] and 

some have utilized microneedles capable of penetrating through the stratum corneum layer 

[117]. 

Another important challenge for epidermal electronics, particularly in long-term 

wear applications, is that most plastics and elastomers have poor gas permeability which 

blocks perspiration and can induce skin irritation and inflammation [118]. Strategies to 

address this challenge include using breathable textile-based electronics [119] and 

engineering pores into soft silicone substrates [120]. These strategies must ensure 
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appropriate insulation of conductive components while still allowing gas and moisture to 

escape from the skin surface.  

2.4 Properties at the electrode-tissue interface 

2.4.1 Electrode impedance  

 One of the most important properties of the interface between an electrode, whether 

intended for sensing or for stimulation, and a biological tissue is the electrochemical 

impedance. Electrochemical impedance spectroscopy (EIS) measures the response of an 

electrode to a small sinusoidal input signal, usually between 10 and 100 mV in amplitude. By 

comparing the amplitude and phase of the input signal with the recorded output signal, the 

electrochemical impedance, Z, can be deduced. Impedance is frequency-dependent, so the 

measurement is typically repeated over a range of frequencies to result in a spectrum. It is 

often plotted in two separate parts: the magnitude of Z in logarithmic scale, 

 |𝑍| =  ඥ𝑅𝑒{𝑍}ଶ + 𝐼𝑚{𝑍}ଶ (1) 

and the phase shift of Z, 

 𝜑 =  arctan (𝐼𝑚{𝑍}/𝑅𝑒{𝑍}) (2) 

in linear scale at each frequency tested. This representation is known as the Bode plot, and it 

represents the ‘transfer function’ of the electrode interface, or how well signal content at 

various frequencies is transferred over the electrode-electrolyte boundary. EIS is typically 

measured in a phosphate buffered saline (PBS) solution approximating the ionic liquid 

environment of the body, however it can also be measured on the skin.  

 A typical Bode plot for a metal electrode in PBS shows high-pass filtering behavior, 

with high frequency signal content being authentically transferred while low-frequency 

signal content is attenuated (Figure 2.8a) [121]. The mechanisms underlying this behavior 

can be understood by modeling the electrode interface with an equivalent circuit model, 

which describes the physical processes contributing to charge transfer (Figure 2.8b). The 

ionic medium separating the working electrode and the counter electrode contributes a 

frequency-independent attenuation, the access resistance, RA. At the boundary between the 

working electrode and the ionic medium, the behavior is more complex and several 
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mechanisms acting in parallel contribute, which strongly depend on the material 

characteristics of the surface. One mechanism that contributes is the double-layer 

capacitance, or Helmholtz capacitance, that forms at the interface between a solid electrode 

and surrounding electrolyte medium. Two layers of charge with opposing polarity form, one 

at the surface of the electrode in the form of electrons, and one in the electrolyte consisting 

of solubilized ions which self-organize into a layer (Figure 2.8c). This capacitance 

contributes more at low frequencies, introducing a phase shift and attenuating the signal 

[121]. 

The effect of the double-layer capacitance is directly proportional to the contact area 

of the electrode with the electrolyte solution. This is one reason why rough or porous 

electrode interfaces have lower interface impedance: the full three-dimensional contact area 

Figure 2.8 EIS at the electrode-tissue interface. (a) Example Bode plot for a smooth metal electrode 
in PBS. The top plot shows the magnitude and the bottom plot shows the phase of the impedance. The 
colored zones indicate typical behavior in low (green), intermediate (yellow), and high (blue) 
frequency ranges. (b) An equivalent circuit model outlining the different contributors to the overall 
impedance between two electrodes. Here µE is referring to a microelectrode as the working electrode, 
and CE refers to the counter electrode. At the interfaces, each electrode contributes a double-layer 
capacitance, C, in parallel to an impedance, Z, representing all additional charge transfer mechanisms 
available at the surface. The electrolyte between the two comprises the resistive contribution, RA. (c) 
The double-layer capacitance at the electrode-electrolyte interface. Adapted from [121]. 
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of the electrode surface can contribute to charge transfer, enhancing the capacitance of the 

surface (Figure 2.9).  

 EIS is used broadly for benchmarking the performance of recording and stimulating 

electrodes. For neural electrodes, it is common to report the impedance magnitude at 1 kHz, 

as this is around the frequency where the information content in an action potential occurs. 

It is important to note, however, that in many bioelectronic applications the primary 

biosignals have much lower frequency content. EEG, for example, typically contains useful 

information only below 100 Hz. In many epidermal sensing applications, therefore, it has 

become more common to report the impedance magnitude at 10 Hz, although there is not yet 

standardization across the field.  

 One reason the electrochemical impedance is used so broadly as a performance 

measure is that it is believed to correlate with signal-to-noise ratio (SNR). The theoretical 

basis for this notion is that Johnson or thermal noise, vn, scales with impedance according to 

equation (3), where k is the Boltzmann constant, T is the temperature, and Δf is the bandwidth 

of the amplifier:  

 𝑣௡ =  ඥ4𝑘𝑇𝛥𝑓𝑅𝑒{𝑍} (3) 

Because of this relation, a lower impedance electrode is expected to collect less thermal noise 

and thus provide a higher SNR. Thus, signal losses at the interface will be smaller when low-

impedance electrodes are used [121].  

Figure 2.9 Impedance in relation to electrode size. (a) Impedance comparison between smooth Pt 
electrodes and nano-roughened Pt electrodes at 1 kHz for different electrode diameters. (b) Increased 
electrode roughness leads to a reduction in cutoff frequency in addition to the reduction in overall 
impedance. (c) Impedance magnitude for different electrode diameters. The high-frequency 
impedance is dominated by the access resistance, RA. From [121]. 
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2.4.2 Charge injection capacity   

Stimulating electrodes allow current to be driven over the solid-liquid boundary by 

exchanging electronic charge carriers in the solid state to ionic charge carriers in the 

biological medium. For bio-stimulating electrodes, it is important that this process does not 

induce irreversible reactions that alter the electrode material. This means that the charge 

injection mechanisms should allow for equal charge transfer in the opposite direction to 

restore the original state of the electrode. In most bio-stimulation paradigms, charge is 

delivered in the form of biphasic, charge-balanced pulses, meaning that the current injected 

in the first half-phase is immediately compensated for by reversing the polarity over the 

second half-phase such that the net charge transfer over the interface is zero.  

 There are several mechanisms which can contribute to charge injection. Capacitive 

charging and discharging over the Helmholtz double-layer often contributes significantly, a 

non-faradaic process in which no species are exchanged. Electrochemical reactions at the 

electrode surface may also contribute to charge injection, such as the formation of an oxide 

at the surface of a metal electrode when metal atoms react with oxygen in the electrolyte. 

Here electrons are exchanged to ions in a faradaic reaction, which changes the chemical 

composition of the electrode and the surrounding electrolyte. Over time, faradaic reactions 

at the electrode interface can corrode or degrade the electrode, however this is not always 

the case. Reactions where the products remain bound to the surface have a high degree of 

reversibility, and these can be important contributors to charge injection. While capacitive 

charge injection is preferable for safe and stable stimulation electrodes, in practice most 

electrodes have mixed charge injection.  

 One irreversible faradaic reaction that can be generated by any electrode, regardless 

of its material properties, is the electrolysis of water:  

 2H2O + 2e− → H2 + 2OH−  (reduction) (4) 

 2H2O → O2 + 4H+ + 4e−  (oxidation) (5) 

This reaction results in the formation of oxygen or hydrogen gas and local pH changes, which 

may damage the electrode and are harmful to the surrounding tissue. Thus, stimulation 

electrodes are often characterized by their ‘water window’, or the outer voltage boundaries 
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which are safe to apply to the electrode and will not induce electrolysis. These voltage 

boundaries are material-dependent. Using these limits, stimulation electrodes are then 

further characterized by their ‘maximally safe charge injection capacity’, CIC, which is defined 

as the maximum charge per pulse that can be injected before water splitting occurs under 

either the cathodic or anodic phase. In bio-stimulation, it is more common to lead with the 

cathodic pulse to depolarize cell membranes, so the CIC in the cathodic phase, CICC, is often 

the value reported for performance benchmarking. 

 To measure the CIC experimentally, biphasic, charge-balanced current pulses are 

delivered through the working electrode in PBS while the voltage at the electrode interface 

is monitored (Figure 2.10). Several key parameters can then be deduced from the observed 

voltage excursion, or ‘voltage transient’. The access voltage, Va, is the instantaneous voltage 

change when the current pulse is applied or removed, and it is related to the interface 

impedance. The maximum cathodic voltage or excursion potential, Emc, is measured at the 

termination of the access voltage in the cathodic phase, where the transient potential begins 

to decay asymptotically towards the open circuit voltage. The CICC is then defined as the total 

injected charge (current × pulse width) at which Emc reaches the reduction potential for 

water, or the water window limit.  

 The voltage produced across an electrode for a particular charge density is inversely 

proportional to the surface area, meaning that in general larger electrodes are able to inject 

more charge before exceeding the electrochemically safe limits [122]. However, this 

Figure 2.10 Schematic of a biphasic voltage transient potential. The metrics used in assessing the 
charge injection limit include Va, the access voltage, and Emc, the maximum cathodic voltage, found at 
the termination of Va. From  [122]. 


