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Abstract—This work reports the first CMOS molecular 

electronics chip. It is configured as a biosensor, where the primary 

sensor element is a single molecule “molecular wire” consisting of 

a ~100 GΩ, 25 nm long alpha-helical peptide integrated into a 

current monitoring circuit. The engineered peptide contains a 

central conjugation site for attachment of various probe 

molecules, such as DNA, proteins, enzymes, or antibodies, which 

programs the biosensor to detect interactions with a specific target 

molecule. The current through the molecular wire under a dc 

applied voltage is monitored with millisecond temporal resolution. 

The detected signals are ms-scale, picoampere current pulses 

generated by each transient probe-target molecular interaction. 

Implemented in a 0.18 µm CMOS technology, 16k pixel circuits 

are arrayed with a 20 µm pitch and read out at a 1 kHz frame rate. 

The resulting biosensor chip provides direct, real-time observation 

of the single-molecule interaction kinetics, unlike classical 

biosensors that measure ensemble averages of such events. This 

molecular electronics chip provides a platform for putting 

molecular biosensing “on-chip” to bring the power of 

semiconductor chips to diverse applications in biological research, 

diagnostics, sequencing, proteomics, drug discovery, and 

environmental monitoring. 

 
Index Terms—Single-molecule biosensor, molecular electronics, 

transimpedance amplifier, high-impedance sensor, biosensor.  

I. INTRODUCTION 

Molecular electronics is the concept of using single 

molecules as functional circuit elements. This concept was first 

put forth in the 1974 work of Aviram and Ratner [1], which 

envisioned special molecules to be used as rectifiers or switches. 

At the time, integrated circuits were rapidly shrinking following 

Moore’s Law [2], and their work was motivated, in part, by 

considerations about the ultimate physical limits of circuit 

miniaturization. Then-recent discoveries in the 1960s that a 

single biomolecule, such as a cytochrome protein, could carry 

out complex electron transfer processes [3] also inspired their 

work. This was not long after Feynman’s seminal 1959 

proposal to extend engineering to the molecular scale [4]. While 

Feynman had, in effect, imagined nanotechnology as molecular 

mechanical engineering, the work of Aviram extended this to 

encompass molecular electrical engineering.  

However, the visionary work of Aviram remained entirely 

theoretical for decades due to the inability to manipulate single 

molecules. This changed in 1998 when Tour and Reed [5] 

experimentally produced the first molecular electronic circuit 

by measuring the resistance of a single benzene molecule 

suspended between gold nanoelectrodes. At that time, the 

demonstration of the first molecular circuit was hailed as the 

scientific “Breakthrough of the Year” in Science [6], but the 

accompanying editorial noted that the real impact would come 

when molecular circuit elements could be integrated into 

CMOS chips.  

In the present work, we introduce such a molecular 

electronics CMOS chip, realizing this nearly 50-year-long quest 

for molecular electronics – with the notable distinction that, 

instead of molecules being used as logic elements or memory 
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bits, as envisioned by the pioneers of the field, we propose that 

using single molecules as sensor elements is the “killer 

application” for molecular electronics. This is because silicon 

is exceptionally well-suited for logic and memory devices, as 

evidenced by nearly 60 years of Moore’s Law scaling [7]–[9], 

while silicon has limited intrinsic sensing abilities, especially 

for biosensing [10], [11]. The primary motivation for a 

molecular electronics solution to sensing is to fundamentally 

solve the well-known “More-Than-Moore" scaling problem for 

sensors where transducer scaling is commonly the limiter to 

scaling chip-based sensor devices. Thus, the ideal solution is to 

have the transducer be a single molecule, which is already 

shrunk to the physical limit and will never inhibit future circuit 

scaling.   

As shown in Fig. 1, the primary sensor element is a 25 nm 

long molecular wire connected to metal nanoelectrodes, which 

feed into a current monitoring circuit. The molecular wire 

contains a central conjugation site for attachment of various 

probe molecules (e.g., DNA, proteins, enzymes, or antibodies) 

and is flanked by metal-binding domains for selective coupling 

to the nanoelectrodes. These current monitoring pixels are 

arrayed into a 16k sensor array that provides for control of the 

array and digital data readout at a 1 kHz frame rate. The 

molecular wires (and conjugated probes) are actively loaded 

into the circuit at startup using dielectrophoresis to trap 

molecules in the nanoelectrodes. Then, the current through the 

bridge molecule under a dc applied voltage is monitored with 

millisecond temporal resolution. The detected signals are ms-

scale current pulses generated by each transient probe-target 

molecular interaction. This provides direct, real-time detection 

of the single-molecule interaction kinetics, in contrast to 

classical biosensors that often rely on indirect reporter 

mechanisms and measure ensemble averages of such events 

across many molecules and long times. This paper extends the 

work presented in [12], [13].   

The remainder of this paper is organized as follows: Section 

II explains the sensor concept and contrasts single-molecule 

sensors with classical biosensors. Section III describes the chip 

architecture, and Section IV details the circuit implementation. 

Sensor post-processing is covered in Section V, and Section VI 

reports electrical and in-vitro measurement results. Finally, 

concluding remarks are made in Section VII. 

II. SINGLE-MOLECULE BIOSENSING 

A common problem in biosensing is to detect a specific target 

biomolecule in a sample and, most ideally, to provide a 

quantitative measure of the target molecule concentration. 

Physical methods such as mass spectrometry, infrared 

spectrometry, and other forms of spectroscopy identify target 

molecules based on their physical properties, such as charge, 

mass, or interactions with photons [14]–[16]. However, these 

approaches typically cannot easily identify specific, complex 

biomolecules such as proteins, DNA segments, and diverse 

biochemicals, particularly in complex backgrounds of other 

such molecules, as is common for un-purified biological 

samples [17].  

Such target biomolecules in complex backgrounds are 

instead resolved by relying on a specific binding probe 

molecule that selectively and specifically binds to the target 

molecule [18]. Common binding pairs that can form a probe and 

target include antibody-antigen pairs, a single-stranded DNA 

(ssDNA) and its complementary strand, a receptor protein and 

a ligand, or a synthetic DNA aptamer and its target molecule. 

Given a specific binding pair, such as an antibody-antigen, in a 

classical biosensor concept, such as those shown in Fig. 2(a), 

many probe molecules are attached to a solid support. When 

exposed to a sample, some target molecules present in the 

sample are bound and detected either through the presence of a 

reporter label (such as a fluorescent dye attached to the target) 

or a reporter mechanism that indirectly produces a localized 

detectable label (such as a secondary antibody with a dye label 

or linked to an enzyme that catalyzes an observable reaction, as 

in ELISA). Many such “labeled” biosensing schemes have been 

reported with optical [19], enzymatic [20], electrochemical 

 
Fig. 2.  (a) Overview of classical biosensors; (b) Molecular electronic single-molecule biosensor. 
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[21]–[27], and magnetic [28]–[30] reporters, among others. 

Label-free approaches have also been developed where the 

binding event changes a measurable physical property of the 

surface, such as the reflectance, plasmon resonance, or charge 

[31]–[34]. The temporal trajectory of such a reaction, if it were 

observed, would typically be a curve that picks up rapidly after 

the introduction of the analyte and saturates at some endpoint, 

as indicated in Fig. 2(a), representing the bulk, equilibrium 

kinetics of the binding interaction and reporter mechanism. In 

practice, the measurement is often performed at the endpoint, 

such as reading out the final equilibrium amount of 

fluorescence from a reporter dye. 

In contrast to these classical biosensors, the single-molecule 

binding sensor reported here, see Fig. 2(b), measures the current 

versus time in real-time, passing through the molecular wire 

under an applied dc voltage. In this system, the individual 

molecular probe-target binding events change the impedance of 

the complex, and it is important to recall that these molecular 

binding events are commonly reversible. Hence, the actual 

bound state only exists transiently for some stochastic dwell 

time, and the probe will dynamically bind and unbind with 

target molecules in solution. As shown in Fig. 2(b), the ideal 

readout is a series of current pulses, each representing the direct 

observation of a single-molecule binding event. The duration of 

any given binding event is a stochastic random variable, 

sampled from the Boltzmann Distribution of statistical 

mechanics, which in turn depends on the binding energy and 

temperature. The waiting time between binding events is also a 

random variable, ideally exponentially distributed, where the 

mean waiting time is inversely related to the concentration of 

the target molecule. Thus, the mean waiting time provides a 

quantitative measure of the target concentration. One 

convenient expression for such a measure is the total fraction of 

time the sensor is in the bound state, which ideally obeys the 

classical first-order Michaelis-Menten rate law as a function of 

the target concentration [35]. 

Early scientific studies of electronic detection of single-

molecule binding were done by non-specifically attaching 

single probe molecules on long carbon nanotubes and 

monitoring the nanotube current [36]–[38]. For the class of 

biosensors presented here to be both high performance and 

commercially viable, the design goal for the molecular 

component is precision at the nanoscale and manufacturability 

– that is, to have precision-engineered molecular constructs 

with precisely defined probe conjugation sites and end groups 

for nanoelectrode attachment, and that can be mass-produced 

by existing industrial means. Suitable molecular wires that fit 

these constraints include protein alpha-helical peptides or 

double-stranded DNA (dsDNA). The present work uses the 

peptide format as they have higher conductivity and are easier 

to synthesize with attachment points. The conductivity of peptide 

molecular wires and other proteins has recently been studied using 

sophisticated scanning probe techniques to directly measure the 

current passing through single protein molecules [39]–[42]. 

These molecular wires (or “bridge” molecules) have much 

lower conductivity than the carbon nanotubes; here, the 

nominal resistance is ~100 GΩ for the 25 nm long alpha-helical 

peptide. These molecules may not have a net charge but are 

polarizable and thus can be electrically attracted to the 

nanoelectrodes by applying an ac voltage, a process known as 

dielectrophoresis (DEP) [43]. This active mechanism is used to 

rapidly load the molecules into the nanoelectrodes. 

The signal generation mechanism in these sensors has not 

been fully characterized and remains largely an empirical 

observation. Multiple possible candidate modes for generating 

current modulation are evident, including field effects (from 

charges in the probe region modulating electron transport 

through the molecular wire), redox reactions, reconfigurations 

of the ion cloud around the molecules, and changes in the 

physical conduction paths available to charge transport 

electrons due to the probe-target interactions. For example, in 

the special case of Carbon Nanotube molecular wire sensors, an 

explicit field effect mechanism has been demonstrated to be the 

dominant signal generation mode [38], [44]. In part, this was 

demonstrated by increasing solution salt levels (decreasing the 

Debye shielding length) [44], which decreases the signal 

amplitude to near zero. Doing similar Debye shielding 

experiments for our sensors results in approximately 70% of the 

signal amplitude being eliminated at high salt, suggesting that 

field effects are a major component, but not the sole component, 

of the signal generation mechanism. 

III. SYSTEM ARCHITECTURE 

Small nanoelectrode test arrays were fabricated on a silicon 

substrate to understand the system requirements for the single-

molecule biosensor. The discrete sensor devices were read out 

using a custom-designed front-end built using off-the-shelf 

components with support for up to 8 sensors. This system 

allowed rapid design exploration, such as trying different sensor 

geometries, electrode materials, applied bias voltage, and 

bridge molecules. After significant experimentation using this 

system, we found that for peptide-based bridges, the current 

ranged from 0.1 to 100 pA with a 0.5 V bias (VDS) and a 

sampling rate of 1 kSps was sufficient to capture most 

interaction events. These specifications were then used to 

architect a scalable, high-density CMOS front-end with 

integrated sensors.   

As shown in Fig. 3, this chip is arranged like a CMOS image 

sensor with a 2D pixel matrix divided into 4 sub-arrays, each 

containing 4,096 (64×64) pixels for a total array of 16,384 

 
Fig. 3.  System architecture. 
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pixels. This number of pixels supports multiplexing with 

redundancy and also reduces the assay response time. Each 

pixel contains a transimpedance amplifier, a column driver, and 

an electrode pair exposed to the solution for the bridge molecule 

to attach. The pixel area is limited to 2020 m2, a constraint 

driven by the desire to have a full reticle chip with 1.5 million 

sensors. Each pixel must consume less than 2.5 W to keep the 

surface heating less than 5 C inside the flow cell with static 

fluid at the million-pixel scale. The top two rows of each sub-

array are “dark” pixels where the electrodes are covered with 

oxide and thus not exposed to the solution as a negative control.  

The sensor array is typically operated in a rolling shutter 

mode (i.e., rows are sequentially reset with staggered read 

times). The reset can also be overridden through a global reset. 

A shift-register-based row decoder supplies the pixel control 

signals (e.g., reset, mode, calibration, gain, etc.) and chooses a 

row of sensors to be read out. The shift register-based decoder 

avoids spurious glitches from a traditional decoder and allows 

for an arbitrary number of rows, whereas a decoder is limited to 

a power of 2. These digital signals are re-buffered between each 

sub-array by repeater cells. The selected row of pixels is read 

out by column-parallel ADCs butterflied along the top and 

bottom of the array. The top ADCs read pixels in the odd 

columns of the array, whereas pixels in even columns are read 

by the bottom ADCs. This split strategy allows the ADC to have 

twice the pixel pitch (i.e., 40 µm). All other circuits (e.g., row 

decoder unit cell, ADC, pixel bias, repeaters, etc.) are pitch-

matched to the pixel (20 µm) to facilitate assembly.  

The ADC outputs are aggregated by serializers into 16 lanes 

and captured using an FPGA. The FPGA also provides all clock 

and control signals to the chip and configures the chip through 

a serial peripheral interface (SPI). The sensor bias voltages, VS 

and VD, are provided from off-chip for maximum flexibility.   

IV. CIRCUIT IMPLEMENTATION 

A. Auto-zeroed Transimpedance Amplifier 

The core of the pixel is a capacitive transimpedance amplifier 

(C-TIA) that integrates the pA-level sensor current on a 

feedback capacitor, CF. The amplifier is implemented with a 

single-ended, common-source amplifier, as shown in Fig. 4(a). 

The input device is a 3 V I/O PMOS transistor for lower flicker 

(1/f) noise and cascoded with core devices for high output 

impedance. The pixel supply voltage is 2.1 V, allowing for a 

high output swing.  

The amplifier was sized to have a dc gain of 70 dB and a 7 

MHz open-loop unity-gain bandwidth with a 1 µA bias current. 

Due to the limited area (400 µm2), it was impossible to size the 

transistors large enough to have a low flicker (1/f) noise corner. 

Instead, this was mitigated actively through auto-zeroing, 

which also samples the correct bias voltage. With the post-

processing scheme described later, most of the top metal is 

needed for the sensor staging area. Unfortunately, in this 

process, the top metal is required to contact the metal-insulator-

metal (MIM) capacitors. Thus, the feedback capacitors were 

implemented using all the available MIM area since they need 

to be very linear, and the auto-zero capacitor, CAZ, was 

implemented using a MOSFET capacitor underneath the 

staging area, as shown in Fig. 4(b). To create a larger window 

for post-processing, the pixels are arranged in a 22 grid with 

mirroring and flipping to group the sensor openings. This larger 

window is needed during the sacrificial etch process described 

later. Single vias to the top metal will eventually become 

nanoelectrodes. These are all shorted together during 

fabrication by the top metal covering the staging area. This also 

provides ESD protection from the source-side connection. 

Ideally, one would route currents to the pixels and locally 

generate the necessary bias voltages to minimize coupling and 

the effect of mismatch, but there is insufficient reaming area at 

the desired pixel pitch. Instead, the bias generation is shared by 

all pixels in a row. Row level (vs. column or another 

arrangement) was chosen since the pixels are all reset 

simultaneously, thus correlating the bias disturbance. An on-

chip bandgap reference generates a supply- and temperature-

insensitive current that is then mirrored to 256× replica bias 

circuits (one per row per sub-array). The repeater cells that 

buffer the digital signals also incorporate decoupling capacitors 

for the analog bias signals.  

The pixel operation, shown in Fig. 5, is as follows: 1) During 

reset (RST), the capacitance at the virtual ground node is 

charged to VD. A bias voltage, VS, is constantly applied to the 

other side of the sensor. The amplifier is auto-zeroed at this time 

to remove its 1/f noise and set the bias by sampling these on CAZ 

= 75 fF. 2) During the integration phase, the sensor current is 

integrated on a 1-bit selectable feedback capacitor, CF = 200 fF 

(150 pA dynamic range) or 400 fF (300 pA dynamic range). 

Normal operation ping-pongs between reset (15.625 µs) and 

integration (984.375 µs). At startup, a switch (MODE) removes 

the sensor from the circuit, and a calibration current is applied 

to verify the pixel functionality. The calibration current is 

supplied from off-chip, attenuated, and copied to each column 

using a cascoded current mirror. All switches connected to the 

sensitive virtual ground node are low-leakage T-switches [22], 

where the internal switch node is driven to VD to minimize the 

voltage drop across the switch in the off-state.  

B. Split Buffer Column Driver 

The C-TIA drives a split buffer, half of which is inside the 

pixel, with the rest shared by all pixels in the column, as shown 

in Fig. 6. This architecture was chosen over a conventional 

 
Fig. 4.  a) Schematic of the pixel amplifier and b) annotated layout of a 2×2 
grid of pixels. 
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source follower-based column driver because it has higher 

linearity and is inherently a current-mode circuit with low 

impedance nodes for fast settling when switching rows. Even 

when the bulk of the source follower is tied to the source, the 

simulated source follower-based buffer nonlinearity is worse 

than the split buffer, as shown in Fig. 7(a). The split buffer does 

not need the body-source tie, simplifying the layout since all the 

PMOS devices can share a common n-well. The better linearity 

stems from the partial cancellation of nonlinearities due to the 

differential nature of the circuit. A Monte Carlo simulation with 

100 runs was performed to demonstrate the circuit's robustness. 

As shown in Fig. 7(b), the worst-case nonlinearity is less than 

0.2 LSBs across the entire voltage range.  

With a 1,000 frame/s sampling rate, the ADC has 15.625 µs 

for settling (2.825 µs) and conversion (12.8 µs). In both column 

driver approaches, there is a significant capacitance hanging on 

the output node consisting of the routing and the column drivers 

of all the off rows. This capacitance is 660 fF based on post-

layout extraction. The buffer was designed to settle in less than 

1.25 µs. Another benefit of the split-buffer structure is that it 

allows for level-shifting such that the ADCs can operate from a 

nominal 1.8 V supply voltage. 

C. Column-Parallel Single-Slope ADC 

The 64 kSps ADCs are implemented using a single-slope 

architecture with two preamplifiers, a strong-arm latch, and an 

11-bit counter, as shown in Fig. 8(a). The counter has an 

additional bit (not read out) to catch overflow without 

wrapping. Two preamps were used to suppress the latch’s offset 

and minimize comparator kickback on the shared ramp signal. 

Each open-loop preamplifier consumes 28 µW and has a 100 

MHz unity-gain bandwidth with 20 dB dc gain. The simulated 

input-referred noise of the amplifier is 74 µVrms. Like the pixel, 

the preamplifier bias is shared by all ADCs in a sub-array.    

The shared ramp generator (one per side of each sub-array) 

is realized by an integrator with a programmable current source, 

as shown in Fig. 8(b). This amplifier-based feedback structure 

maintains the voltage across the current source (to maximize 

the linearity) while also providing a low output impedance to 

drive the preamplifiers. The ADC is reconfigurable between 8- 

and 10-bit modes by changing the clock. The integration current 

is digitally programmable via the SPI bus in 30 nA steps with a 

nominal 5 µA current. The current is integrated on a 12.8 pF 

MIM capacitor. The amplifier is implemented with a single-

stage folded-cascode structure with a dc gain of 84 dB and a 35 

MHz unity-gain bandwidth.    

 
Fig. 6.  Schematics of a (a) conventional source follower with optional body 
tie and (b) split-buffer amplifier. 

 

 
Fig. 7.  Split buffer simulations showing (a) nonlinearity and (b) Monte Carlo 

variation (n = 100).  

 
 

 

 
 

 

 
Fig. 5.  Schematic of auto-zeroed transimpedance amplifier during the (a) 

reset, (b) integration, and (c) calibration phases. 
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Fig. 8(c) shows a timing diagram for each conversion. First, 

the voltage from the split buffer is sampled onto a capacitor. 

Simultaneously, the ramp generator, sparkle latch, and counter 

are reset. The ADC clock is gated by the reset signal and held 

low. Once the reset signal is de-asserted, the ramp generator 

starts integrating the current ramping down from the full-scale 

voltage towards zero. The counter increments each ADC clock 

cycle until the ramp signal crosses the value stored on the 

sample and hold capacitor, CSH, after which a sparkle latch (a D 

flip-flop) captures the comparator output to prevent 

retriggering, and the counter stops incrementing. The ADC 

outputs are aggregated by a shift register-based serializer 

running at 11 Mbps with 16 lanes and captured using an off-

chip FPGA. The data is shifted off during the reset period to 

minimize coupling. 

V. POST-PROCESSING 

The precision-engineered molecular wires, such as dsDNA 

or the present helical peptides, are by design at the nanometer 

scale (<30 nm), thus requiring the gap between the electrodes 

to be smaller than what is possible in standard CMOS back end 

of the line (BEOL) metallization. Furthermore, the electrodes 

must be electrochemically stable in ionic solutions, precluding 

the use of standard metals like copper and aluminum. After a 

detailed material compatibility study, ruthenium (Ru) was 

chosen due to its foundry compatibility, robustness, and 

electrochemical performance. Two approaches were developed 

to pattern the nanoelectrodes, electron-beam lithography (EBL) 

(ideal for agile R&D) and conventional photolithography (ideal 

for mass production at CMOS foundries).  

A. Electron-Beam Lithography 

For EBL nanoelectrodes, the wafer is spin-coated with 

photoresist (NR9-6000PY) and patterned to selectively etch the 

sacrificial 23×15 µm2 “bond pads” over the sensor vias using 

Aluminum Etchant Type A (Transene). This process leaves the 

outer real bond pads intact while exposing the tungsten vias in 

the common staging area for the electrodes of 4 adjacent pixels. 

This sacrificial approach is necessary as the top metal is too 

rough to pattern nanoelectrodes directly. The metal 5-6 vias are 

the last planarized layer in the commercial foundry’s 

fabrication process ensuring planarity. Next, the nanoelectrodes 

are written by spin coating polymethyl methacrylate (PMMA) 

A2 and patterning it using a Vistec EBPG 5200 (4 nm beam 

radius, 30 keV accelerating voltage, and 10 pA beam current). 

This results in 50 nm wide electrodes with less than 20 nm gaps. 

A 5 nm chromium (Cr) and 20 nm ruthenium (Ru) film stack is 

deposited and subsequently lifted off. A second EBL process 

places a 5 nm Cr, 50 nm Ru, and 50 nm hafnium oxide (HfO) 

film stack to cap the vias and cover part of the wire with oxide 

to minimize current leakage into the electrolyte. Fig. 9(a) shows 

 
Fig. 8.  Schematics of the (a) column-parallel single-slope ADC, (b) ramp 
generator, and (c) timing diagram. 

 

 
 

 
Fig. 9.  (a) SEM images of nanoelectrodes fabricated via E-Beam 

lithothography. (b) Photolithography gap narrowing process and (c) SEM 

images of fabricated nanoelectrodes. 
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a representative nanoelectrode visualized using a Zeiss Sigma 

500 emission scanning electron microscope (SEM) and a cross-

section of the nanoelectrode. 

B. Photolithography  

For conventional photolithography, the wafers are pulled 

before passivation with individual top metal pads for each 

electrode (instead of the sacrificial bond pad used for EBL). 

Tungsten vias and oxide are subsequently added and planarized. 

A blanket 3 nm tantalum nitride (TaN), 15 nm Ru, and 3 nm 

titanium nitride (TiN) film stack is deposited, followed by a 50 

nm SiO2 layer deposited with plasma-enhanced chemical vapor 

deposition (PECVD). A deep-ultraviolet (DUV) resist is coated 

on the SiO2 layer to define the nanoelectrode using a gap 

narrowing technique. After light-field exposure using 193 nm 

immersion lithography, the resist is developed, and the 

unprotected oxide is removed via RIE etching. A hard mask is 

deposited on the remaining SiO2 structure, and a dark-field 

exposure is used to print a 150 nm gap into the SiO2. A 

proprietary etch chemistry results in a tapered etch profile and 

achieve a final distance of 50 nm between the bottoms of the 

SiO2 mandrels. To reduce the electrode gap, spacer patterning 

is employed. Highly conformal SiO2 is deposited via plasma-

enhanced atomic layer deposition (PEALD) atop the SiO2 

mandrels, as shown in Fig. 9(b). The resulting <30 nm gap is 

transferred into the metal layers by ion-beam etching through 

the underlying SiO2 matrix. To protect the vias, 20 nm SiO2 and 

30 nm SiN are deposited by PECVD. Passivation over the bond 

pads is removed by a photolithographically enabled oxide etch 

landing on the bond pad layer. To open the nanoelectrode area, 

a DUV resist is spin-coated as an etch mask for a cavity (800 × 

800 nm2). After exposure, the resist is developed, and the 

passivation dielectric layers are etched using IBE. Fig. 9(c) 

shows SEM images of the resulting nanoelectrodes. Direct 

patterning of the nanoelectrodes is impossible using the current 

200 mm tool line. This process is foundry compatible and 

capable of producing nanoelectrodes at scale. 

VI. MEASUREMENT RESULTS 

This chip was fabricated in a 180 nm CMOS process with a 

multilayer mask (MLM). Wafers were post-processed to 

fabricate nanoelectrodes with a range of gaps (10-12 nm, 14-16 

nm, 17-20 nm, and 20-30 nm) using EBL and photolithography. 

The chips were wire-bonded directly to a printed circuit board 

(PCB) with partial encapsulation to expose the pixel array, as 

shown in Fig. 10(a), and mounted in a custom flow cell with a 

platinum rooftop pseudo-reference electrode and fluidic access 

ports [see Fig. 10(b)]. The pseudo-reference electrode sets the 

bulk solution potential and is driven by a low-impedance source 

rather than a potentiostat. 

A. Instrument 

The chip cartridge plugs into an instrument that controls 

reagent delivery and handles all electrical signals. Fig. 11 shows 

a photograph of the instrument containing the microfluidic flow 

cell, motherboard, temperature controller, power supply, and 

pneumatic control for reagent delivery. The motherboard has an 

FPGA (Opal Kelly XEM6310), an ac waveform generator for 

dielectrophoresis, and an SPI bus for monitoring the chip's 

critical currents, voltages, and temperatures. The FPGA 

acquires the ADC data (at 20 MB/s), buffers it, and sends it to 

a computer via USB, where it is streamed to a solid-state disk. 

The data is subsequently transposed offline to ease time series 

analysis and stored in HD5 files. The sample being tested is 

loaded into the top of the cartridge, whereas all other reagents 

are stored on the instrument and delivered to the chip through 

pneumatic control in a software-programmable sequence.  

 
Fig. 11.  Annotated photograph of instrument. 

 

 
 

 
Fig. 10.  (a) Annotated die micrograph on a “chip-on-board” package and (b) 

photograph of the backside of packaged chip (left) and assembled flowcell 

(right). 
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B. Electrical Characterization 

The chip operates off a 2.1 V supply for the pixels and buffer 

and 1.8 V for the remaining circuits, consuming 58 mW, as 

shown in Fig. 12. Most of the power is dissipated in the pixels 

(37.8 mW) followed by the ADCs (14.4 mW). The measured 

input-referred integrated noise is 39 fArms for CF = 200 fF and 

76 fArms for CF = 400 fF. Fig.13 shows the measured signal path 

(pixel and ADC) linearity acquired by sweeping the calibration 

current across the input range. The average differential 

nonlinearity (DNL) is +1.5/-0.7 LSB, and the integrated 

nonlinearity (INL) is ±2 LSB. The measured residual input-

referred offset is 2.5-5 pA across the array due to the buffer and 

ADC preamplifier offsets, which are not auto-zeroed. The 

measured leakage current fluctuates by <1 pA dry and 3 pA in 

distilled water, with minimal dependence on VDS (nominally VD 

= 1.3 V and VS = 0.8 V), as shown in Fig. 14. The digital signal 

integrity was measured using a Keysight Infinium oscilloscope. 

When shifting the data off of the chip at 80 MHz, the eye had 

an opening of 9.7 ns and 1.3 V. Finally, Fig. 15 shows an 

illustrative example of the entire array being read out before and 

while an assay was run. The red lines in Fig. 15(a) are control 

pixels where the nanogap is intentionally shorted to debug 

sensor failures. Fig. 15(b) shows a snapshot of the array during 

an assay where the pixels' real-time activity is observed. 

C. in-vitro Characterization 

The bridge molecules must be loaded into the circuit for use 

as a sensor. Delivery by passive diffusion alone can require over 

24 hours, even at a high concentration. Instead, the much faster 

process of active dielectrophoretic trapping is employed by 

applying an ac voltage to the electrodes for 10-second intervals, 

as shown in Fig. 16. The “boot up” phase consists of up to 10 

rounds of such active bridging, applying a 1.6 Vpp sinusoid at 

100 kHz through VS with VD held at a fixed potential (by 

keeping the amplifier in reset). During the bridging phase, the 

buffer is a low ionic strength solution to prevent Debye 

screening. After each DEP round, the array is read out to 

determine if a bridge was incorporated, as observed by an 

increase in the pixel current. A pixel is marked as bridged if two 

successive measurements show an elevated current, and 

trapping is stopped to prevent additional bridging. An exemplar 

SEM image of a single “dumbbell” bridge (made observable by 

the addition of two 10 nm diameter gold beads capping a 25 nm 

dsDNA molecular wire) spanning the electrode gap is shown in 

Fig. 16(b). In theory, multiple bridges could bind to a sensor. 

This is controlled by limiting the number of DEP rounds and 

observing the sensors after each round of bridging. 

Orthogonal (non-electrical) verification of a single bridge 

molecule in the circuit is challenging due to their nanometer 

dimensions and low contrast. Platinum nanoparticles (d = 30 

nm) can be trapped in the gap and easily imaged with SEM, as 

shown in Fig. 17(a); however, similar direct imaging of peptide 

or dsDNA bridges is impossible. Instead, one must either label 

the bridge with metal nanoparticles for SEM imaging, or 

 
Fig. 12.  Measured power consumption. 

 

 
Fig. 13.  Measured signal path (a) DNL and (b) INL. 

 

 

 

 

 
 

 

 
Fig. 14.  Measured leakage (a) dry and (b) wet. 
 

 
Fig. 15.  Measured signal across array at the (a) start of the experiment prior 

to loading the bridges and (b) after the assay completion. 
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measure the nm changes in z-height with atomic force 

microscopy (AFM). Fig. 17(b) shows an AFM image of a 

nanoelectrode with a single bridge molecule. This process is 

slow and limited in the scanning area and is only used as a 

proof-of-concept verification rather than for routine systematic 

assessments.  

To show this platform's versatility, we demonstrate a model 

“diagnostic” assay, specifically a protein binding or “antigen” 

test. The probe on the peptide bridge is a DNA aptamer (about 

100 nt in length) having an affinity for his-tagged proteins with 

a Kd of approximately 1-3 pM [45]. The target protein is a 

fragment of the Spike (or S-) protein from the surface of the 

COVID-19 virus made with an N-terminal his-tag. The scheme 

is shown in Fig. 18(a), where the aptamer is attached to the 

bridge using a “click” chemistry linker [13]. In the presence of 

the RBD protein, the sensor current exhibits pulses 

corresponding to individual aptamer-protein binding events, as 

shown in Fig. 18(b). As expected, the rate of pulse detection 

(and the fraction of time in the bound state) increases with 

higher target molecule concentration, while the pulse widths 

remain constant on average as they are governed only by the 

binding energy of the interaction. The bound/unbound states in 

the signal time traces were identified by analysis with a 3-state 

Hidden Markov Model (HMM) [46]. In these experiments, 

more than 1000 binding events are observed over each 3-minute 

period of target concentration exposure. Critically, the sensor 

output is flat in the absence of the RBD target molecule and in 

the presence of diverse off-target molecules, indicating that the 

sensor is highly specific, despite being extremely sensitive. 

Plotting the fraction of the time bound versus the target 

concentration, as shown in Fig. 18(c), produces a classical 

binding calibration curve of a Michaelis-Menten form. Using 

this, we find the COVID-19 antibody has a measured 

disassociation constant, Kd, of 1.3 pM in phosphate-buffered 

saline (PBS). Finally, and critically important for real 

diagnostic applications, we found that this viral sensor can also 

work directly in physiological fluids by measuring similar 

concentration curves in pure PBS, 20% human plasma, and 

100% artificial human plasma. Table I lists the fitted assay 

parameters, including the 95% confidence interval (CI), that are 

in close agreement regardless of the sample matrix and are 

similar to values reported in the literature for similar aptamers. 

This is only one of the many possible assays that this 

platform supports. We have also shown that the probe molecule 

can be ssDNA, antibodies, aptamers, and enzymes [13]. Of 

particular interest is the case where the probe is a DNA 

polymerase enzyme, such as Phi29. When this sensor is primed 

ssDNA template and free nucleotides, the polymerase can be 

observed in real-time to copy the template, where the specific 

pulses represent individual nucleotide incorporation events. 

This sensor provides the basis for long-read, rapid sequencing 

of single DNA molecules by using the pulse features to 

accurately identify which pulses represent A, G, T, and C 

events. In this context, the extreme scalability of the CMOS 

 
Fig. 17.  (a) SEM images of platinum nanoparticles trapped between 
electrodes, (b) 3D AFM image of a bridge between electrodes, and (c) profile 

along the annotated lines. 

 
 

 

Fig. 16.   (a) Dielectrophoretic trapping concept, (b) SEM image of dsDNA 

with gold beads, and (c) measured current after successive active bridging 

rounds, resulting in bridging. 
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molecular electronics chip offers the potential to dramatically 

reduce the time and cost of whole genome sequencing.  

VII. CONCLUSION 

This work reported the first CMOS molecular electronics 

chip, configured to be a programmable biosensor based on a 

molecular wire trapped between two nanoelectrodes of a 

current monitoring circuit. A 16k pixel CMOS chip was 

designed with a sub-pA sensitivity and 1,000 frame/s readout 

rate to monitor probe-target molecule interactions. Post-

processing techniques were developed to scalably fabricate 

nanoelectrodes with sub-30 nm gaps using EBL and 

photolithography. Finally, we demonstrated the biosensor 

functionality with a model COVID-19 diagnostic assay 

performed in a complex physiological (plasma) sample.  

This chip can also monitor single-molecule binding 

interactions for antibody-antigen and drug-receptor binding or 

for monitoring CRISPR/Cas enzyme activity. For such diverse 

biosensing applications, this platform provides the foundation 

for creating assays with high levels of multiplexing, rapid 

response on the scale of seconds, a limit-of-detection down to 

single molecules, and a dynamic range of pulse rate spanning 

many orders of magnitude, the simplicity of label-free 

detection, and deployable on low-cost CMOS chip and 

instruments that are well-suited to distributed applications. In 

summary, this work presents the first molecular electronics 

CMOS biosensor chip and demonstrates its broad utility for 

single-molecule sensing applications.   
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