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Abstract—High-throughput biosensor screening and optimiza-
tion are critical for health and environmental monitoring appli-
cations to ensure rapid and accurate detection of biological and
chemical targets. Traditional biosensor design and optimization
methods involve labor-intensive processes, such as manual pipet-
ting of large sample volumes, making them low throughput and
inefficient for large-scale library screenings under various envi-
ronmental and chemical conditions. We address these challenges
by introducing a modular droplet microfluidic system embedded
with custom CMOS integrated circuits (ICs) for impedance
spectroscopy and bioluminescence detection. Fabricated in a 65
nm process, our CMOS ICs enable efficient droplet detection and
analysis. We demonstrate successful sensing of luciferase enzyme-
substrate reactions in nL-volume droplets. The impedance spec-
troscopy chip detects 4 nL droplets at 67 mm/s with a 45
pA resolution, while the luminescence detector senses optical
signals from 38 nL droplets with a 6.7 nA/count resolution.
We show real-time concurrent use of both detection methods
within our hybrid platform for cross-validation. This system
greatly advances conventional biosensor testing by increasing
flexibility, scalability, and cost-efficiency.

Index Terms—Impedance spectroscopy, bioluminescence detec-
tor, droplet microfluidics, synthetic biology, biosensors.
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I. INTRODUCTION

HYBRID bio-electronic systems merge engineered cell-
based biosensors (CBBs) with CMOS integrated circuits

(ICs) to achieve biochemical sensing. These systems maintain
high specificity and sensitivity in diverse applications, such
as the human gastrointestinal (GI) tract [1], [2], wastewater
treatment facilities [3], [4], bioreactors [5], and food safety
monitoring [6], relying on CMOS ICs’ stability for consistent
operation and data communication, as depicted in Fig. 1(a).
However, despite thorough assembly, characterization, and tun-
ing, a biosensor may not perform as expected in real-world
conditions since the effectiveness of biosensor screening meth-
ods may vary without considering all potential environmental
variations in actual deployment scenarios [7].

Traditional biosensor optimization requires labor-intensive
protocols, such as manual pipetting, extended cell culture incu-
bation, and low-throughput well or agar plate assays (through-
put of ≈ 104 variants [8]), as shown in Fig. 1(b). While effec-
tive for small-scale experiments, these methods are inadequate
for large-scale library screenings. In contrast, high-throughput
screening (HTS) methods, capable of handling as many as 109

genetic variants [9], [10], are necessary in synthetic biology for
categorizing extensive libraries and advancing protein and cell
development.

Integrating microfluidic systems and biosensors can result
in a powerful analytical tool offering real-time detection and
rapid reaction times for optimizing and characterizing biosen-
sors [11]. Microfluidics involves fluid manipulation at the sub-
millimeter scale, making it well-suited for HTS because of
its low reagent use, heightened sensitivity, and capacity for
parallel processing. Their adaptability for point-of-care appli-
cations is notable, primarily due to portability [12]. However,
conventional cell-based microfluidics is limited in efficiently
screening biosensors for various environmental and chemical
conditions. Droplet microfluidics [13], a specialized branch
of microfluidics, excels in encapsulating cells or biochemical
reactions in distinct droplets ranging from picoliters (pL) to
nanoliters (nL) in volume, functioning as individual microreac-
tors ideal for single-cell analysis [14], enzyme assays [15], and
the generation of concentration gradients [16]. Further, pairing
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Fig. 1. (a) Applications of CMOS-integrated hybrid bio-electronic systems. (b) Traditional approach for biosensor screening and optimization. (c) Our
proposed high-throughput droplet microfluidic platform with embedded CMOS sensors for impedance spectroscopy and luminescence sensing.

droplet microfluidics with automated fluorescence imaging has
significantly enhanced screening capabilities, as it reduces op-
tical cross-talk by compartmentalizing cells into droplets [17]
and, therefore, considerably exceeding the scalability of con-
ventional methods [18].

Although there have been significant advancements recently,
droplet microfluidics still face challenges in achieving uniform
droplet formation, precise manipulation, and efficient down-
stream processing [13]. Delays in data transfer from benchtop
devices managing downstream processing exacerbate these is-
sues. Scaling operations is an additional hurdle, as transitioning
droplet-based processes to industrial scales requires maintain-
ing efficiency and reducing errors. A trade-off between through-
put and resolution ultimately persists, demanding a balance
between the assay’s detail and the processing volume within
a given time frame. Custom CMOS ICs may be able to address
these challenges effectively, offering scalable solutions for mul-
tiplexing and high-resolution, real-time sensing.

One potential method for enhancing the precision of droplet
microfluidic systems lies in the use of luminescence as a biosen-
sor reporter. Luminescence has been widely employed as a
biosensor reporter across various applications [7], including
the detection of water toxicity [19], heavy metals [20], and
endocrine-disrupting compounds [21]. We employ lumines-
cence over the more commonly used fluorescence, as it provides
a power-efficient readout without the need for a light source
or optical filters [22]. Despite its extensive use in the biosen-
sor field, the integration of luminescent biosensors with high-
throughput screening in droplet microfluidics has faced chal-
lenges. These challenges primarily stem from the difficulty in
accurately sensing luminescence in droplets with low volumes,
especially at high sample rates.

In this work, we present a modular droplet microfluidics
(µF) system that encapsulates cells in water-based droplets
inside oil-filled microfluidic channels, in conjunction with co-
designed CMOS ICs, including impedance spectroscopy and

bioluminescence detection. This system aims to harness the
advantages of both droplet microfluidics and CMOS technol-
ogy to enable rapid, high-throughput biosensor screening and
optimization under diverse environmental and chemical condi-
tions. This approach aims to improve biosensor performance,
ensuring adherence to the required sensitivity, specificity, and
robustness standards for particular applications.

Fig. 1(c) illustrates a high-throughput droplet microfluidic
platform with integrated CMOS impedance spectroscopy
and luminescence detection. By combining these two
modalities, this approach enables comprehensive analysis
by cross-validating droplet generation parameters, such as
size and speed, through impedance measurements, while
simultaneously capturing critical information about luciferase
enzyme-substrate reactions via luminescence detection.
This dual-modality approach is particularly advantageous in
complex scenarios where cell populations exhibit intricate
relationships with expression levels, facilitating more accurate
cell-density normalization and ultimately optimizing the design
of living biosensors.

Our work introduces the first co-design of high-throughput
droplet microfluidics with integrated CMOS luminescence
and impedance sensors, exemplified by successfully detect-
ing luciferase enzyme reactions within nL-volume droplets
[23]. The high-resolution impedance spectroscopy chip detects
droplets (4 - 47.9 nL) at a maximum velocity of 67 mm/s, with
a sensitivity of 45 pA and multiple gain configurations, uti-
lizing a pseudo-resistor-based transimpedance amplifier (TIA)
feedback network. Concurrently, our custom-designed lumines-
cence detector chip, connected to commercial silicon photo-
multipliers (SiPMs), accurately measures optical signals from
bioluminescent droplets (minimum droplet volume at 38.2 nL)
and 125 nL microfluidic channels containing NanoLuc.

This article is organized as follows: Section II presents
the overall system architecture and key features. Section III
discusses the circuit-level implementation and analysis of
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Fig. 2. 3D rendering of the co-designed modular platform technology.

the impedance spectroscopy and luminescence sensor chips.
The measurement setup and results are presented in Section IV,
followed by the conclusions in Section V.

II. CO-DESIGN OF DROPLET MICROFLUIDICS AND

CMOS-INTEGRATED SENSORS

The following sections provide details on the motivation and
innovation behind our co-designed droplet microfluidics system
with embedded CMOS sensors. This system integrates CMOS
bioluminescence detection and impedance spectroscopy, as
shown in Fig. 2. We discuss recent advancements in droplet mi-
crofluidics, focusing on our use of CNC micromilling to fabri-
cate precise microfluidic devices from low-cost thermoplastics,
thus avoiding traditional fabrication costs and complexity. Our
approach streamlines the design and fabrication of microflu-
idic devices shown in Fig. 3 by incorporating readily available
conductive-ink electrodes and utilizing techniques to reduce
optical cross-talk for SiPM integration, such as designing a
loop channel filled with light-blocking black oil. Additionally,
we delve into the important co-design parameters of droplet
microfluidics and electronics. Finally, this section concludes
with a discussion on the necessity of integrating impedance
and luminescence sensing in this hybrid platform technology,
which enhances data reliability and provides comprehensive
insights into biological analysis and biosensor performance
characterization.

A. CNC-Micromilled Droplet Microfluidic Devices

Microfluidic technology is constrained by the complexity
and cost of fabricating polydimethylsiloxane (PDMS) devices,
which require cleanroom facilities and are difficult to scale
due to the time-consuming prototyping process [24]. The use
of thermoplastics like polycarbonate for microfluidic device

fabrication presents a practical solution, simplifying the scaling
process by reducing costs and manual labor [24], [25], [26].

To circumvent conventional manufacturing challenges, re-
searchers have explored rapid prototyping techniques, such
as laser cutting [27], [28], [29], 3D printing [30], [31], [32],
and micromilling [33]. Laser cutting offers precise substrate
etching, but its effectiveness is limited by the compatibility
constraints with certain thermoplastics (e.g., polycarbonate and
polyvinyl chloride) and the risk of material leaching, which
can adversely impact biological reactions [34]. Conversely, 3D
printing introduces novel fabrication methods but is often hin-
dered by issues related to substrate compatibility (e.g., trans-
parency) [35] and feature size constraints (100 µm) [36], posing
challenges for high-throughput screening.

In this work, we focus on a desktop-scale Computer Numer-
ical Control (CNC) micromilling approach that substantially
reduces both the time (< 1 hour) and the cost (< $10) [37]
required for the fabrication of droplet-based microfluidic de-
vices on thermoplastics, including polycarbonate, acrylic, and
polymethyl methacrylate (PMMA) [33]. This approach permits
the rapid prototyping of devices with precise features down to
50 µm, facilitating comprehensive experimental design inves-
tigations within limited budgets and time frames [37].

The methodology entails generating G-code via CAD design
tools (e.g., SolidWorks, AutoCAD), which a CNC micromill
employs to engrave device geometries onto thermoplastic sub-
strates [37]. During micromilling, maintaining precise feed and
speed rates is imperative to avert the breakage of small endmills.
After milling, devices undergo deburring to guarantee smooth
fluid dynamics. They are then assembled using double-sided
adhesive and sealed with an additional polycarbonate layer,
forming the microfluidic device shown in Fig. 2.

Furthermore, unlike the inherent hydrophobic nature of
PDMS, polycarbonate microfluidics require surface treatment
to coat the channels in a hydrophobic material, which is essen-
tial for the generation of droplets within fluorinated oil-filled
microfluidic channels [38]. Fluorinated oils are preferred in
biological applications due to their compatibility with organic
materials and capacity for oxygen transport [39]. A comprehen-
sive multi-stage treatment process, incorporating Aquapel, air
expulsion, and thermal curing, secures the device’s long-term
hydrophobic stability for sustained droplet production [40].

B. Conductive-Ink Electrodes and SiPM Integration

Electrode integration is used for impedance sensing in droplet
microfluidic platforms. This sensing is achieved by aligning
electrodes on opposing sides of the microfluidic channel, quan-
tifying the impedance profile between the electrodes through
the measurement of input current at the sensing electrode when
an AC voltage is applied to the excitation electrode. This en-
ables the monitoring of droplet characteristics, such as position,
size, and velocity, alongside complex biological properties, in-
cluding cellular differentiation and genomics content [41].

We integrate electrodes in micromilled microfluidic devices
compatible with dead-end filling. This process allows elec-
trodes to function without a continuous path from input to
output, making it ideal for two-electrode systems placed on
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Fig. 3. Droplet microfluidics device with modular droplet generation, impedance sensing, and luminescence sensing.

opposite sides of a channel, thereby streamlining the architec-
ture of droplet microfluidic devices [42]. Traditional techniques
for electrode integration, including metal vapor deposition, are
often not scalable, necessitate exact alignment, or fail to ac-
commodate dead-end configurations [43]. Conversely, saltwater
electrodes are economical but require gas-permeable materials
and a constant connection to reservoirs (e.g., microfluidic chan-
nel) and high voltage electronic circuitry, which constrains their
application [44].

In this work, a novel electrode-integration technique is em-
ployed that uses readily available carbon-based conductive ink
to address these limitations. This ink is more cost-effective
and easier to apply than metal-based alternatives but also pro-
vides higher conductivity than saltwater and can fill dead-end
electrodes [42]. The procedure entails etching channels into
a substrate for electrodes, in addition to fluid paths, applying
conductive ink and removing excess with isopropyl alcohol,
and connecting the electrodes to CMOS chips through 90◦

gold pin headers. This technique enables quick manufacturing
turnaround within a single day.

In addition, our platform utilizes commercial SiPM compo-
nents with a defined area of 1 × 1 mm2. The incorporation of
SiPM devices into the microfluidic platform involves milling
the footprint of the SiPMs into a polycarbonate layer, which is
then placed atop the primary microfluidic layer, as illustrated
in the side view of the 3D rendering of this platform (Fig. 2).
To achieve high detection accuracy from a single droplet within
the sensing area of the SiPM, we developed a horse-shoe mi-
crofluidic channel configuration (Fig. 4). This channel, which
utilizes light-blocking black oil, plays a crucial role in our
system. It prevents the luminescence of peripheral droplets from
affecting the bioluminescence detection, reducing the optical
cross-talk from neighboring droplets.

C. Droplet Microfluidic Device Parameters

This work focuses on two primary droplet parameters
for identification and quantification: the droplets’ size and

Fig. 4. Droplet microfluidics device parameters for droplet generation,
impedance sensing, and luminescence sensing.

residence time over the sensing area (either the electrodes’
sensing zones or the SiPM’s detection region), as shown in
Fig. 4.

Practically, to determine droplet size, it is necessary to estab-
lish the droplet generation rate. The rate can be determined by
employing a peak detection algorithm on the impedance readout
from benchtop instruments (e.g., LCR meter) and counting the
signal peaks over a specific duration. Alternatively, if the LCR
meter fails to detect rapid droplet events, a high-speed camera is
utilized to enumerate droplets over a designated time frame. By
combining the droplet generation rate (rD) with the volumetric
water flow rate (Qw), we can calculate the average droplet
diameter (d) using Eq. 1 [45]:

d = 2

(
3Qw

4rDπ

)1/3

(1)

The residence time (tr) of droplets within the sensing region
is a function of the sensor width (WS), channel width (WC),
channel depth (DC), and the total volumetric flow rate (QT ),
or the droplet volume (V ) and total volumetric flow rate (QT ),

Authorized licensed use limited to: BOSTON UNIVERSITY. Downloaded on December 15,2024 at 15:02:11 UTC from IEEE Xplore.  Restrictions apply. 



LIU et al.: INTEGRATED REAL-TIME CMOS LUMINESCENCE SENSING AND IMPEDANCE SPECTROSCOPY IN DROPLET MICROFLUIDICS 1237

Fig. 5. Droplet residence time in sensing area for spherical vs. larger
droplets.

contingent upon the droplet diameter (d) and length (LD). If
the droplet shape is spherical, the diameter d is used; however,
for larger droplets where the “diameter” exceeds the sensing
region’s width, the length LD is considered, as depicted in Fig. 5
and described by Eq. 2. The optimal sampling frequency is
derived from the residence time based on the requisite number
of samples for averaging to improve the signal-to-noise ratio
(SNR).

tr =

{
WSWCDC

QT
, d << WS , WC , DC

V
QT

, LD >> WS
(2)

D. Multimodal Sensing With Impedance and Luminescence

Simultaneous impedance and luminescence assessments sig-
nificantly enhance the analysis of biological and chemical sys-
tems [46]. Multimodal sensing is employed for cross-validation,
thereby improving the overall accuracy and reliability of the
data. For instance, in CMOS-integrated droplet microfluidics,
impedance sensing monitors the internal environment of each
droplet, detecting the presence and concentration of cells or
biomolecules by measuring changes in the electrical properties
of the droplet contents. Concurrently, luminescence sensing can
report on activity within the droplet, such as enzyme reactions
or gene expression, by detecting light emission from reporter
molecules.

Furthermore, combining bioluminescence detection with
impedance-based cell density normalization provides an in-
depth system analysis by determining if an observed light signal
is generated because of a small number of cells with high
protein expression or many cells with weak expression. Such
differentiation is vital for accurately characterizing sensor per-
formance in biosensing applications.

III. CIRCUIT AND SYSTEM IMPLEMENTATION

Here, we discuss the circuit and system implementation de-
tails and the design decisions underpinning the high sensitiv-
ity and resolution in real-time impedance spectroscopy and
luminescence detection. The chips were fabricated using 65
nm CMOS technology. The analog circuit blocks employ core

devices with the standard threshold voltage, whereas the syn-
thesized digital circuit blocks utilize high-threshold voltage
devices to minimize the leakage current.

A. Impedance Spectroscopy Architecture

The impedance spectroscopy chip features two identical
impedance sensing channels, enabling data averaging and cross-
validation. The impedance spectroscopy front end comprises
a coherent in-phase (I) and quadrature-phase (Q) receiver as
shown in Fig. 6. This receiver includes a high-gain tran-
simpedance amplifier (TIA) with a feedback network formed
by a temperature- and process-compensated pseudo-resistor,
offering variable gain via a pseudo-current mirror. It also uses
a passive mixer, actuated by 25%-duty-cycle quadrature local
oscillator (LO) signals, second-order passive low pass filters
(LPFs) with adjustable bandwidths, and variable-gain ampli-
fiers (VGAs). A four-transistor voltage reference [47] generates
the TIA and VGA’s common-mode voltage (VCM).

1) Operation Principle of Impedance Spectroscopy: In
real-time, the impedance spectroscopy is designed to measure
the admittance between two conductive ink electrodes, repre-
sented by Y (ω1). When a sinusoidal excitation voltage signal
Vexc(ω1) is applied to the excitation electrode, the resulting
current through the sensing electrode, I(ω1), is measured. Sub-
sequently, the admittance seen by the electrode pair is calculated
using Eq. 3.

Y (ω1) =
I(ω1)

Vexc(ω1)
(3)

As all signals in the system are sinusoidal, determining
Y (ω1) requires calculating the sensing current’s relative am-
plitude and phase shift compared to the excitation voltage
Vexc(ω1). We employed coherent detection techniques, a stan-
dard topology in traditional receivers known as the direct
conversion architecture, to acquire the phase and amplitude in-
formation of the sensing current I(ω1). As illustrated in Fig. 6,
this current (I(ω1)) is amplified using a low-noise TIA with
a gain determined by a feedback pseudo-resistor. The TIA’s
output is then multiplied by 25%-duty-cycle local oscillator
signals (I , In, Q, and Qn) at the frequency ω2. Low-pass filters
eliminate the higher-order harmonics resulting from the mix-
ing process. The differential to single-ended VGA consolidates
the bipolar I ′′ − In′′ and Q′′ − Qn′′ signals into I_FINAL
(VI(ω1 − ω2)) and Q_FINAL ((VQ(ω1 − ω2)) outputs and ap-
plies additional gain. The amplitude of the I and Q channels,
denoted by VI and VQ respectively, can then be used to estimate
Y (ω1)’s amplitude and phase using Eq. 4 and Eq. 5, respec-
tively. A in Eq. 4 represents the overall gain of the system,
including TIA gain, LPF loss, and VGA gain.

|Y (ω1)| =

√
V 2

I + V 2
Q

A · |Vexc(ω1)|
(4)

∠Y (ω1) = tan−1
(VQ

VI

)
(5)

2) Impedance Model: Impedance models are used for simu-
lation to establish the front-end circuit specifications, including
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Fig. 6. Impedance spectroscopy receiver architecture.

TIA and VGA gains and TIA bandwidth. Numerous fac-
tors influence the impedance, including the design of the mi-
crofluidic device and its interface with the CMOS impedance
spectroscopy chip. For example, variations in the widths of
the microfluidic channel and electrodes can significantly af-
fect impedance; a narrower channel increases the baseline
impedance, while a wider channel decreases it (Fig. 4).

We initially measured the impedance of aqueous droplets
and oil using an LCR meter (E4980A, Keysight Technologies)
across various microfluidic devices, excitation voltages, and
excitation frequencies (f1) to determine the expected range
of impedance. The LCR meter provides a simple model rep-
resented as a series-connected capacitor (C) and resistor (R),
although the impedance model may be more complex. Aligning
with the LCR meter results, we adopt this simplified impedance
model as illustrated in Fig. 6, representing the inverse of the
expected admittance as measured by the CMOS chip given by
Eq. 6.

|Z(ω1)| =

√

R2
i +

( 1

2πf1Ci

)2
=

√
R2

i +
( 1

ω1Ci

)2

=
1

|Y (ω1)|
(6)

As the excitation frequency decreases, the impedance in-
creases, posing challenges for the front-end circuits, which must
provide higher gain to amplify the small input current I(ω1).
Although the LCR meter accurately measures up to 1 MHz,
we selected an 800 kHz excitation frequency to ensure reliable
impedance modeling from the LCR meter and to facilitate a less
demanding front-end design due to the lower impedance value
obtained than applying a lower excitation frequency.

Preliminary measurements using an LCR meter at 800 kHz
indicate that the water droplet exhibits a capacitance of 62.5
fF and a resistance of 22.5 kΩ (total impedance of 3.18 MΩ).
In contrast, the oil-filled microfluidic channel presents a capaci-
tance of 61.9 fF and a resistance of 22.2 kΩ (total impedance of
3.21 MΩ). With an excitation voltage of 20 mV, this results in

Fig. 7. Folded cascode amplifier implementation used in transimpedance
amplifier.

an input current difference of approximately 59 pA. To ensure
that our system can reliably detect this difference and achieve
the necessary sensitivity, the TIA must have a minimum gain
within the MΩ range. Notably, the impedance is predominantly
capacitive, aligning with the high intrinsic impedance of the
polycarbonate substrate used in our microfluidic devices. Fur-
thermore, the capacitive dominance means that the phase varia-
tion between water and oil droplets is minimal; thus, our system
measurements discussed in Section IV-C concentrate only on
the impedance magnitude.

3) Transimpedance Amplifier With a Pseudo-Resistor Feed-
back Network: Apart from providing amplification, the main
purpose of the low-noise and high-gain TIA is to maintain a
low-impedance node at the sensing electrode contact. This en-
sures that Y (ω1) remains directly proportional to the measured
variable and is not affected by the TIA’s input impedance [48].
The TIA consists of a two-stage folded cascode amplifier with
PMOS input pairs (Fig. 7), biased using current mirroring from
a corresponding folded cascode bias circuit shown in Fig. 8.
Post-layout simulations show that the TIA achieves an open-
loop gain of 79 dB and a unity-gain bandwidth of 39 MHz at a
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Fig. 8. Bias circuit of the transimpedance amplifier.

Fig. 9. Temperature- and process-compensated pseudo-resistor
implementation.

typical corner, supporting a theoretical 3dB bandwidth of 1.39
MHz, which allows for accurate measurement of excitation fre-
quencies up to our target of 1 MHz, while consuming 233 µW
of power from a 1.2 V supply voltage. A large input pair size
(M1 and M2 in Fig. 7) of W/L = 340.8/0.4 is used to minimize
flicker (1/f) noise. The second stage of the amplifier provides a
high swing and delivers the requisite low output impedance to
drive the feedback resistor. Additionally, it incorporates Miller
compensation (Rc and Cc) for improved stability.

The traditional three-terminal P+ poly resistors without sili-
cide can provide stable resistance up to the Megaohm range.
However, due to their large size, they require more area and
introduce significant parasitic capacitances that can negatively
impact the stability of the TIA. Fig. 9 shows the pseudo-resistor-
based feedback network, which is crucial for achieving the high
feedback resistance (7.6, 14.4, or 24.8 MΩ) that our system
needs. This pseudo-resistor implementation uses four pairs of
PMOS devices (M1 to M8) connected in series [49], with the
body terminal connected to the drain, to enhance resistivity
through the body effect [50]. The four-stage configuration re-
duces the voltage drop across each PMOS pair, thereby improv-
ing the linearity of the pseudo-resistor feedback. The current
biasing of the pseudo resistor enables variable gain control via

Fig. 10. Variable-gain amplifier implementation.

the Vctrlx signals. These signals, which can be programmed
through the digital configuration block, allow for the selection
of different resistor values Rref . As a result, the current through
the current mirroring branch can be adjusted, thereby altering
the pseudo-resistor biasing values (VG1 to VG4) [49]. In this
design, the W/L ratio for MpDx is less than one, favoring a
longer device length over width to enhance the pseudo-resistor’s
bandwidth and, consequently, the front-end circuit stability.

4) Passive Mixer, LPF, and Differential-to-Single-Ended
VGA: The output voltage Vout from the TIA is converted to
baseband signals I , In, Q, and Qn using a 4-phase passive
mixer driven by 25%-duty-cycle quadrature LO signals at ω2.
This results in baseband signals with a frequency of |ω2 − ω1|.

After the passive mixer, second-order passive LPFs are used
to maintain low power consumption. These LPFs have a tun-
able bandwidth ranging from 15 kHz to 35 kHz, achieved by
utilizing digitally programmable capacitance values in the RC
networks to effectively attenuate higher-order harmonics with
a 40 dB/dec roll-off.

In addition, a programmable VGA (Fig. 10) with digitally
adjustable gain from 0 to 14 dB is incorporated to enhance
the receiver’s sensitivity. The VGA employs a biasing scheme
similar to the TIA bias circuit, with the current mirror’s ratio
set at 1 to 8.6.

5) Common-Mode Voltage Reference and 25% Phase Gen-
erator: The VCM reference uses a 4-transistor voltage refer-
ence design based on [47]. This VCM reference is adjustable,
allowing for switching between different transistor sizes to ac-
commodate variations in process corner and temperature.

The 25% duty-cycle phase generator follows the structure
presented in [22]. The input CLK is typically set to 4ω1 to
ensure that the baseband signals align with the DC component
after downconversion. When the DC voltage V CM is present at
the baseband, it becomes difficult to isolate the downconverted
baseband signals if they also exist at the DC level. It is common
to set the CLK = 4ω2 different from 4ω1 so that after down-
conversion, the resulting signals have a frequency of |ω1 − ω2|.
This simplifies the retrieval of amplitude information necessary
for back-calculating Y (ω1).

B. Bioluminescence Detector Architecture

The system features a dual-channel luminescence detector
that processes the light pulse amplitude of the commercial SiPM
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Fig. 11. Luminescence detector architecture.

Fig. 12. Timing diagram showing the operation of luminescence sensing
for different amplitudes and frequencies of SiPM light pulses.

using a ring-oscillator-driven (RO-driven) counter and pulse
frequency through a one-shot counter, illustrated in Fig. 11.

1) Operation Principle of Luminescence Detector: The
timing diagram in Fig. 12 illustrates the operations of the bi-
oluminescence detector. The commercial SiPM, with a gain of
2 × 105, produces high-frequency, high-amplitude pulses when
the light intensity increases. Traditional one-shot counters typi-
cally use pulse frequency for photon detection. However, in the
case of nL-volume droplets with lower luminescence, the pulse
amplitude domain more accurately encodes the luminescence
level.

When the cumulative current (IMAX ) generated by photons
activates a higher number of microcells in the SiPM, it results
in a larger pulse amplitude of VIN . Consequently, this leads
to an extended pulse width for the EN signal generated by
the custom threshold-crossing-based buffer, shown in Fig. 12.
The increased EN pulse width enables the RO counter for
additional cycles, thus updating the RO Counts. In contrast

to the RO counter, the one-shot counter does not respond to
the amplitude increase of V IN . Instead, it counts the rising
edges of V IN and EN independently of their amplitude and
width. Once the one-shot counter reaches the predefined cycle
count specified by the user, it triggers the DONE signal, which
stops the RO counter chain. The DONE signal is connected as
an input to the FPGA, which continuously monitors the signal.
When the DONE signal goes high, the FPGA reads data from
both counters via the on-chip SPI.

2) Silicon Photomultiplier Model: A Single-Photon Detec-
tor (SPD) refers to any device capable of detecting individual
photons, including Single-Photon Avalanche Diodes (SPADs).
In contrast to Avalanche Photodiodes (APDs), which operate
just below the breakdown voltage, SPADs function above the
breakdown voltage in Geiger mode [51]. This mode allows them
to produce a large, self-sustained avalanche for each detected
photon, resulting in high sensitivity. Silicon Photomultipliers
(SiPMs) are photodetectors made up of an array of SPADs,
also known as microcells or pixels. Each microcell operates
independently and is connected in parallel. These cells are
typically square-shaped, with edge lengths ranging from 10 to
100 µm [52]. SiPMs convert light into electrical current without
the need for a vacuum tube to amplify the signal. Compared
to traditional photomultiplier tubes, SiPMs are more compact,
robust, and energy-efficient, while offering higher gain than
individual SPADs. This makes them suitable for portable and
miniaturized devices requiring fast timing [53], [54]. SiPMs
are often used in applications that involve detecting low-light
intensities, such as light detection and ranging (LIDAR) [55],
[56], functional optical spectroscopy [57], [58], [59], and flu-
orescence detection in biological and physics research [60],
[61]. SiPMs also have applications in quantum physics [62] and
quantum informatics [63]. Looking ahead, integrating SiPMs
with CMOS technology holds potential for even more compact
and energy-efficient designs [64], [65].

Fig. 13 illustrates the electrical circuit model of the SiPM
for this work. In this schematic, nf represents the number of
activated microcells out of the total number of microcells (nt)
available in the SiPM, leaving nt − nf as the count of inactive
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Fig. 13. Equivalent electrical circuit model of the SiPM.

cells. S refers to a virtual switch used for modeling purposes,
which closes during the quenching process.

Under dark conditions and ignoring dark noise, the switch S
remains open, allowing the capacitor CJ to charge up to the bias
voltage VBIAS . S is closed when a photon is detected, causing
CJ to discharge through the resistor RS . With the SPAD biased
by a constant voltage source, VBIAS , current flows through the
circuit, resulting in a steady-state current ID given by Eq.7.
VOV is the overvoltage defined as VBIAS − VBR, where VBR

is the breakdown voltage.

ID = VOV /RS (7)

The avalanche initiation causes the current through the cath-
ode terminal to increase, characterized by a time constant given
by Eq. 8. The recovery time constant, τr, typically spans tens
of picoseconds.

τr = CJ · RS (8)

Quenching occurs when the current ID reaches a self-
sustaining maximum level, denoted as I ′MAX (Eq. 9). This leads
to the recharging of CJ back to the nominal voltage VBIAS .
Then, ID decreases over the recharge time constant τrecharge

given by Eq. 10.

I ′MAX =
VOV

RQ + RS
(9)

τrecharge = CJ · RQ (10)

In the initial stage of recharging, the current is sourced
not just from VBIAS but also from the junction capacitors
of neighboring pixels. SiPMs enable photon counting via two
approaches: via digital, where each SPAD is connected to a
distinct readout circuit [66], and via analog, through the assess-
ment of the overall signal amplitude [67].

In this bioluminescence detection system, employing a com-
mercial SiPM limits access to individual SPADs, necessitating
analog processing of photon counts due to exclusive access to
the SiPM’s anode or cathode. The utilized commercial SiPM
(microFC-10010-FC by OnSemi) comprises 2880 microcells,
each with dimensions of 10 × 10 µm2, covering a total area of
1 × 1 mm2. The datasheet specifies a SiPM gain of 2 × 105

with a microcell recharge time constant of 5 ns at an overvolt-
age (VOV ) of 2.5 V. To align with performance specifications
(e.g., dark current, anode-cathode capacitance, and gain), an
overvoltage of 2.5 V was applied in addition to the minimum
breakdown voltage (VBR) of 24.2 V, setting the bias voltage at
26.7 V. The junction capacitance (CJ ) is calculated based on the
SiPM’s gain using Eq. 11, while the quenching resistor (RQ)
is estimated from the recharge time constant using Eq. 12.

CJ =
Gain · q

VOV
= 12.8fF (11)

RQ = τrecharge/CJ =
5 × 10−9

12.8 × 10−15
≈ 391 kΩ (12)

Quantifying the series resistance (RS) poses a challenge, yet
it is assumed to be relatively low, typically is in the kΩ range.
Simulations have shown that variations in RS across a broad
spectrum minimally impact the model’s output, given that RS

is substantially lower than RQ [68].
Again, Eq. 9 indicates that the maximum photocurrent I ′MAX

produced by a single pixel does not depend on the intensity of
light but is exclusively defined by the electrical properties of
the individual microcell. Upon exposure to light, a multitude
of photons are expected to trigger several microcells. With the
increase in the number of active microcells, the aggregate peak
current (I ′MAX ) contributed by each cell escalates, leading to a
heightened overall current IMAX in the SiPM.

3) Preamplifier and Configurable Threshold-Crossing-
Based Buffer: As recommended by the datasheet, we connect a
50 Ω series resistor to the commercial SiPM’s standard output
(Sout, also known as the anode port). The SiPM cathode is
connected to the bias voltage supplied by a DC power source
and is coupled with a 10 nF decoupling capacitor to prevent DC
voltage drops caused by SiPM quenching.

The avalanche pulses at the Sout node are processed using
a commercial pre-amplifier (ZFL-1000LN, Mini-Circuits) with
a 20 dB gain and a bias tee (ZFBT-6GW+, Mini-Circuits) that
isolates the high voltage from the 26.7 V SiPM bias voltage and
establishes an input DC voltage of 570 mV. V IN represents the
actual signal fed into the chip. This signal undergoes further
amplification on the chip through a three-stage pre-amplifier
consisting of two self-biased amplifiers and a differential to
single-ended VGA, as depicted in Fig. 14. The three-stage
pre-amplifier with a 3 dB bandwidth of 36 MHz provides an
additional gain of 28 dB.

The amplified output, V out, from the pre-amplifier is fed
into a configurable threshold-crossing-based buffer to produce
the EN signal for subsequent amplitude-to-digital conversion
processes. Using the configurable threshold-crossing buffer in-
stead of a standard library buffer ensures consistent perfor-
mance across process variations and supports the functionality
of following circuit stages.

Since the SiPM’s recharge duration is primarily dictated by
the junction capacitance (CJ ) and the quenching resistance
(RQ), an increased peak current, IMAX , triggered by a specific
light intensity, requires more time for V out to fall and reach
the buffer’s threshold voltage. This prolongs the pulse duration
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Fig. 14. Three-stage pre-amplifier implementation.

of the enable signal EN . The threshold voltage for the config-
urable buffer can be set within a range of 570 to 600 mV.

4) One-Shot Counter: The device has a one-shot counter
(Fig. 11) that is designed to record avalanche spikes. This
counter detects the rising edge of the EN signal and extends
the period using a D-flip flop scheme to allow counting of
clock cycles from a faster clock. In this work, the faster clock
is a 16 MHz signal provided by the FPGA. This technique
is commonly used in digital SiPM sensors for time-to-digital
conversion [69], [70]. The counting process stops when the
FPGA determines that a predefined number of cycles have
been completed, and the DONE signal is triggered at this
point. When the expected optical power increases, causing more
frequent avalanche spikes, the one-shot counter stops early,
resulting in fewer counts.

5) Ring-Oscillator-Driven Counter: The EN signal func-
tions as an activation switch for the RO shown in Fig. 15.
A wider pulse width of EN results in more cycles of the
ROCLK signal. A digital synthesis counter accumulates the
rising edges of ROCLK until it is stopped by the DONE
signal from the one-shot counter. By incorporating a digital
programmable capacitor array within the RO, frequency ad-
justments ranging from 200 MHz to 1 GHz can be achieved
in simulation, ensuring reliable performance despite process
variations. Additionally, an AND gate placed at the final stage
of the RO ensures that ROCLK is promptly reset to zero once
EN is deactivated.

In this work, nL-volume droplets exhibit luminescence at
an intensity comparable to the dark count level, resulting in
a very low SNR. The V IN captures original photon spikes
from luminescence but also includes dark counts, digital clock
feed-through from the printed circuit board (PCB), and noise.
As the increase in pulse amplitude is directly linked to light
intensity, representing the luminescence more accurately in the
pulse amplitude domain is essential. Therefore, the RO counter

Fig. 15. Ring oscillator implementation.

offers a more precise assessment of bioluminescence intensity
for our specific application.

IV. MEASUREMENT RESULTS

In this section, we first discuss the integration of our hybrid
platform that combines impedance spectroscopy and lumines-
cence detector chips fabricated in 65 nm CMOS technology.
Next, we present the electrical performance characterization
of the impedance spectroscopy chip and demonstrate real-time
droplet detection using our droplet microfluidic platform em-
bedded with impedance spectroscopy. Then, we discuss the
electrical and optical performance characterization of the lu-
minescence detector chip, showcasing its real-time sensing ca-
pability for the NanoLuc luciferase enzyme-substrate reaction,
as well as the detection of bioluminescent droplets formed
by Escherichia coli (E. coli) with the NanoLuc gene and
their interaction with the substrate. Finally, we present a real-
time sensing measurement demonstrating the concurrent use
of impedance spectroscopy and luminescence detector chips
within our hybrid platform for cross-validation. The section
concludes with a performance comparison against state-of-the-
art implementations.

A. Hybrid Platform Integration

Fig. 16(a) illustrates how the impedance spectroscopy PCB is
integrated with a cost-effective CNC-micro-milled microfluidic
device via conductive-ink electrodes, connecting through a 90-
degree pin header connector instead of the conventional method
of embedding gold electrodes and custom ICs directly onto
a single board. This method facilitates swift prototyping and
increases flexibility. A larger PCB beneath the impedance spec-
troscopy board houses off-chip low dropout regulators (LDOs)
and FPGA connectors, acting as a central digital data commu-
nication and power distribution hub. Fig. 16(b) shows the chip
micrographs for the impedance spectroscopy with a die area
of 3 × 3 mm2, and Fig. 16(c) shows the luminescence detector
with a die area of 1.3 × 2 mm2. Fig. 16(d) shows how the lumi-
nescence detector PCB is combined with a cost-effective CNC-
micro-milled microfluidic device and interfaces with SiPMs.
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Fig. 16. (a) Impedance spectroscopy PCB top and bottom views and its measurement setup. (b) Impedance spectroscopy die photo. (c) Luminescence
detector die photo. (d) Luminescence detector PCB top and bottom views and its measurement setup.

Fig. 17. Integration of the hybrid platform.

The microfluidic device embedded with the CMOS lumines-
cence sensor also includes a light-blocking black oil to pre-
vent cross-talk between neighboring bioluminescent droplets.
Lastly, the test setups employed for impedance and lumines-
cence measurements are shown in Fig. 16(a) and 16(d), respec-
tively. The entire setup for the luminescence detector chip is
enclosed in a metal box and wrapped with a black cloth during
measurements to mitigate ambient light interference.

Fig. 17 shows the hybrid platform’s top and side views.
It demonstrates how the impedance spectroscopy and lumines-
cence detector PCBs are integrated with the droplet microfluidic
device. This configuration allows for the simultaneous collec-
tion of impedance and bioluminescence data from the same
set of droplets, highlighting the platform’s ability to gather
multidimensional information at the same time.

B. Electrical Performance of the Impedance Spectroscopy

To assess the linearity and resolution of the impedance spec-
troscopy chip, we set up a test model consisting of a 470
kΩ resistor and a 10 pF capacitor connected in series. This
model was placed between the excitation waveform generator
(33622A, Keysight Technologies) and the on-chip TIA input.
The test model was designed to simulate an input impedance
ranging from 100 kΩ to 2 MΩ.

The waveform generator was configured to produce an 802
kHz sinusoidal signal with a 600 mV DC offset. Additionally,
an FPGA delivered a 50% duty cycle signal at 3.2 MHz to the
on-chip phase generator’s CLK input, resulting in an 800 kHz
LO signal for the signal downconversion path. The capacitive
element in the setup effectively removed the DC component
from the excitation signal while the TIA’s feedback network
established the impedance model’s DC node voltages. To ensure
optimal linearity, the on-chip VGA was set to unity gain.

We describe the data acquisition and processing methods
used for the electrical performance characterization in the rel-
evant subsections (Sec. IV-B1 and Sec. IV-B2) before present-
ing the electrical performance results of the impedance spec-
troscopy, including linearity, resolution, and noise.

1) Data Acquisition and Processing: The impedance spec-
troscopy chip generates two baseband signals, I_FINAL and
Q_FINAL, both at a frequency of 2 kHz, as described by Eq. 13
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and Eq. 14, respectively. Here, t denotes time in seconds, and
fIF indicates the intermediate frequency (|ω1 − ω2|) of 2 kHz.

I_FINAL(t) = VIsin(2πfIF t) (13)

Q_FINAL(t) = VQsin
(
2πfIF t +

π

2

)
(14)

The amplitudes of the baseband signals, VI for I_FINAL
and VQ for Q_FINAL, are continuously recorded by two ex-
ternal 16-bit, 1-MSPS analog-to-digital converters (ADCs),
ADS8860, from Texas Instruments. These ADCs send the dig-
itized information to an FPGA using the serial peripheral in-
terface (SPI), allowing for subsequent data processing, such as
curve fitting to determine VI and VQ. Simultaneously, I_FINAL
and Q_FINAL are monitored in real-time on an oscilloscope
(MSOX4154A, Keysight Technologies), which displays these
signals and performs their Fast Fourier Transform (FFT) anal-
ysis. The FFT provides Root Mean Square (RMS) values, and
for linearity and noise measurements, we average the FFT over
3 seconds to determine the output voltages VI and VQ. The os-
cilloscope also displays the excitation voltage Vexc(ω1) and its
FFT, offering a complete view of the excitation signal, which
we use to estimate the input current.

The output voltage of the impedance spectroscopy chip in the
following electrical characterizations is calculated as given by
Eq. 15.

VIQ =
√

V 2
I + V 2

Q (15)

2) Expected Input Current: We first calculate the input
impedance at 802 kHz as given in Eq. 16 to calculate the
expected input current for the following electrical performance
measurements.

|Z(802 kHz)| =

√

R2
i +

( 1

2πf1Ci

)2

=

√
(470e3)2 +

( 1

2 ∗ π ∗ 802e3 ∗ 10e − 12

)2

= 470.418 kΩ (16)

Then, the expected input current amplitude is calculated using
Eq. 17.

I(802 kHz) =
Vexc(ω1)

|Z(802 kHz)| (17)

3) Linearity and Resolution Measurements: To measure
linearity, the waveform generator increased the excitation volt-
age (Vexc(ω1)) from 2 mVpp to 94 mVpp in steps of 2 mV.
Fig. 18(a) displays the 1-dB compression point, identified at an
input current of 36 nA. The x-axis was derived using Eq. 17,
and the y-axis using Eq. 15.

To determine the impedance spectroscopy chip’s minimum
resolution (i.e., its ability to detect small input current changes),
we initially set the amplitude increment for the waveform gener-
ator’s excitation voltage to 0.01 mVpp. We gradually increased
this amplitude increment until we could reliably differentiate
between two output voltages, where the output range (defined
as the range of average ±1σ standard deviation across 100 mea-
surements) do not overlap between two excitation amplitudes.

Fig. 18. Linearity and resolution performance characterization setup for the
impedance spectroscopy chip, and the measurement results showing the 1-dB
compression point and resolution.

Fig. 19. Input-referred noise measurement setup and results of the
impedance spectroscopy chip, showing 2.4 pA and 6.8 pA RMS at 1 kHz
and 15 kHz bandwidths, respectively.

In our experiments, an increment of 0.06 mVpp was necessary
to distinguish the output voltages with at least a 1σ difference,
corresponding to a detectable input current difference of 45 pA,
shown in Fig. 18(b).

4) Input-Referred Noise Measurement: The input-referred
current noise, deduced from the output noise voltage spectrum
(measured using N9030B, Keysight Technologies), was calcu-
lated by dividing through the internal gain, mainly from the
TIA gain, given that the VGA was set to unity gain, and the
LPF caused a negligible loss. The measurement setup used for
sensitivity characterization is shown in Fig. 19. At bandwidths
of 10 Hz, 1 kHz, 2 kHz, and 15 kHz, input-referred current noise
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levels were measured at 1.4 pA, 2.4 pA, 3 pA, and 6.8 pA RMS,
respectively. These noise level findings complement the earlier
resolution metrics, showing that the impedance spectroscopy’s
determined resolution significantly exceeds the input-referred
current noise by 6.6 times at 15 kHz.

With an input-referred current noise of 1.4 pA RMS at a
bandwidth of 10 Hz and reaching the 1-dB compression point
at 36 nA, the impedance sensing system demonstrates a dy-
namic range of 88 dB. In summary, by comparing the system’s
input-referred noise and linearity with those of state-of-the-art
CMOS impedance spectroscopy chips, it becomes evident that
it possesses the necessary precision for detecting small-volume
droplets in high-throughput biosensor screening applications.

C. Real-Time Droplet Detection via Impedance
Spectroscopy

All real-time droplet impedance measurements presented in
the following results were obtained using the setup depicted
in Fig. 18. The system operated with an excitation amplitude
of 30 mVpp and a programmed pseudo-resistor value of ap-
proximately 7.6 MΩ. The system’s real-time impedance spec-
troscopy measurements confirm its ability to detect droplets
ranging from 4 to 47.9 nL in volume, moving at speeds between
67 and 1.3 mm/s, respectively. The droplets’ residence times
between the electrodes span milliseconds, with the shortest
residence time being 3.7 ms. Droplet volume is controlled by
adjusting water and oil flow rates, managed by the system’s
syringe pumps from Harvard Apparatus. Water is consistently
pumped at a rate of 2 µL/min, denoted as Qw, while oil flow
rates vary from 2 to 50 µL/min, denoted as Qo. Increasing
the oil flow rate produces smaller droplets at higher velocities,
following Eq. 18:

vdroplet =
Qw + 2 · Qo

wchannel · hchannel · 60s
, (18)

where wchannel and hchannel represent the width and height of
the microfluidic channel’s geometry, respectively.

Droplet admittance (∆|Y |) is determined by calculating
the change in admittance as a droplet passes through an oil-
filled channel (See Appendix for the calculation procedure).
In Fig. 20(a), you can see a decrease in admittance as the
droplet volume reduces due to the droplet capacitance decreas-
ing. This observation confirms a roughly linear relationship
between droplet volume and admittance/impedance, essential
for future analyses linking droplet volume to admittance values.

Fig. 20(b) shows real-time droplet detection using the
impedance spectroscopy chip. The I/Q outputs displayed on the
oscilloscope support our findings. As seen in Fig. 20(b), the
impedance spectroscopy system consistently detects aqueous
droplets with volumes of 5.4, 15.4, and 32.7 nL in real-time
within an oil-filled microfluidic channel, which aligns with the
results from microscopy images.

D. Electrical Characterization of Luminescence Detector

Fig. 21 displays the electrical characterization of the lumines-
cence readout chip. We used a waveform generator (33622A,

Fig. 20. Real-time droplet detection using the impedance spectroscopy chip.

Keysight Technologies) to emulate light pulses in this char-
acterization. The pulse width was configured at 20 ns with a
DC offset of 570 mV, aligning with the DC biasing parameters
set for the bias-tee block. The RO-driven counter showed an
increased count rate as the pulse amplitude increased, verifying
its design’s insensitivity to pulse frequency. In contrast, the one-
shot counter was sensitive to the pulse frequency, detecting the
increasing frequency of the pulses for greater amplitude, such
as 16 mVpp, but reported fewer counts at a higher frequency
for a target count cycle.

E. Optical Characterization of Luminescence Detector

We adjusted the supply voltage level applied to a teal LED
(520 nm) to test the sensitivity of the luminescence sensor
within a wide dynamic range, which resulted in SiPM photocur-
rents ranging from 3 nA to 20.4 µA, as measured by a sub-
femtoamp source measurement instrument (K6430, Keithley
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Fig. 21. Electrical characterization setup of the luminescence detector chip,
including the results of varying the amplitude (a) and frequency (b) of input
pulses for the on-chip Ring Oscillator (RO)-driven counter, and frequency
(c) of input pulses for One-Shot counter. This measurement demonstrates the
sensitivity of the RO-driven counter to light pulse amplitude variations at a
Silicon Photomultiplier (SiPM) output.

Fig. 22. Optical characterization setup and results of the luminescence
detector chip with a green LED or luciferase enzyme as the light source,
showing a resolution of 6.7 nA/count.

Instruments). The purpose of this method was to emulate the
range of luminescence intensities detectable by the RO-driven
counter. The setup for this optical characterization is illustrated
in Fig. 22. We also conducted experiments within a specific
luminescence range relevant to our nL-volume droplet detection
application. We measured the readout at different light intensity
levels emitted from a 125 nL microfluidic channel filled with

Fig. 23. Real-time sensing of 38.2-to-118.9nL luminescent droplets at
velocities from 24.3-to-0.8mm/s via the luminescence detector chip, as shown
in (a), (b), and (c). (d) presents a zoomed-in result of the smallest droplet
volume at 38.2 nL.

NanoLuc. By adjusting the pump rates to control the mixing
of the NanoLuc enzyme and substrate, we observed changes
in the reaction rate (with 100 µM enzyme and a 1:50 substrate
dilution), leading to different luminescence levels. The detector
achieved a luminescence-sensing resolution of 6.7 nA/count.
This resolution was calculated using the formula: resolution =

∆IP H
∆RO Count , where IPH represents the real-time photocurrent
recorded by the sub-femtoamp source measurement instrument.

F. Real-Time Sensing of NanoLuc Reaction in Droplets

All real-time droplet luminescence measurements presented
in the following results were obtained using the setup shown
in Fig. 22, leveraging high-resolution optical characterization
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Fig. 24. Real-time detection of bioluminescent droplets using the lumines-
cence detector chip. Bioluminescence is emitted by E. coli cells containing
NanoLuc genetic information and producing the NanoLuc enzyme upon
mixing with NanoLuc substrate at the inlet intersections. (a) to (c) show the
results for droplet volumes ranging from 13.7 to 33.7 nL.

to enhance accuracy. This setup enables back-correlation be-
tween the recorded output counts and the expected photocurrent
generated by the luminescent droplets. The luminescence detec-
tor effectively senses the NanoLuc luciferase enzyme-substrate
reaction in real time. A 100 µM concentration of the enzyme
and a 1:50 substrate dilution were used to create luminescent
droplets at varying generation rates within a setup similar to
the NanoLuc-filled channel. The NanoLuc enzyme and sub-
strate were consistently infused at 2 µL/min, while the oil
flow rate ranged from 2 to 90 µL/min. A different microfluidic
device geometry with a wider channel width was utilized in
this experiment compared to the microfluidic device presented
in Section IV-C, allowing the luminescence detector chip to
accurately identify luminescent droplets with volumes ranging
from 38 to 119 nL, as depicted in Fig. 23. These droplets moved
at a maximum velocity of 24.3 mm/s. A close-up view of the
light-blocking black oil in horseshoe-shaped channels, utilized
for minimizing cross-talk between the neighboring luminescent
droplets, is shown in the microscopic images in Fig. 23.

G. Real-Time Sensing of Bioluminescent E. coli Droplets

The luminescence detector is capable of real-time detection
of bioluminescent droplets containing E. coli cells modified to

Fig. 25. Simultaneous dual-modal analysis of luminescent droplets in a
microfluidic device in real-time. The setup integrates a luminescence detection
chip for optical analysis and an impedance spectroscopy chip with two on-chip
hardware channels for droplet impedance detection when the droplet moves
through the microfluidic channel embedded with conductive-ink electrode
pairs. The fully integrated system enables cross-validation of the luminescent
droplet detection accuracy within the microfluidic device.

produce the NanoLuc enzyme. When these cells are combined
with the NanoLuc substrate, they initiate a reaction that gen-
erates luciferase. Fig. 24 demonstrates that the luminescence
detector chip successfully detected droplets containing E. coli
cells and substrate at a consistent 2 µL/min delivery rate. The oil
flow rate was varied between 6, 10, and 15 µL/min. This detec-
tor chip can identify bioluminescent droplets as small as 13.7
nL, with a residence time of 24.2 ms and a velocity of 4.53
mm/s. The measurement plots in Fig. 24 use a moving average
of two data points to enhance detection precision, effectively
reducing noise.

H. Luminescent Droplet Detection via Concurrent
Dual-Modal Sensing

Fig. 25 shows concurrent measurements obtained from
impedance spectroscopy and luminescence detection chips.
Each channel of the impedance spectroscopy chip uses the same
gain configuration as described in Section IV-C. Similarly, the
threshold settings of the luminescence detector are consistent
with those in Sections IV-F and IV-G. The NanoLuc enzyme
and its substrates are pumped at 3 µL/min, while the oil flow
rate is 5 µL/min.
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TABLE I
PERFORMANCE SUMMARY AND COMPARISON WITH THE STATE-OF-THE-ART IMPEDANCE SPECTROSCOPY INTEGRATED CIRCUITS

[48], [71], [72], [73], [74], [75], [76]

The y-axes of the first two subplots display the admittance
ratios between the luminescent droplets and the oil channel
derived from the ADC outputs reading real-time I/Q values.
Variations in admittance ratios between channels one and two
are due to fabrication disparities among different conductive ink
electrode pairs. Pre-measurement calibration for each electrode
pair could reduce these variations in future impedance measure-
ments. The y-axis of the third subplot illustrates the RO counter
output ratio, differentiating luminescent droplets from the oil
channel. Lower ratio values indicate the presence of oil, while
higher values with peaks suggest droplet detection.

In this simultaneous measurement, both methods identified
25 droplets within a 20-second time frame. The corroborative
data from these separate chips indicate that the two modali-
ties can be used to mutually validate results. This validation
is critical to ensure that impedance and luminescence sensing
accurately capture all droplets. Relying solely on luminescence
detection is insufficient for reliably determining droplet counts
without the complementary use of impedance sensing. By val-
idating both modalities, we establish confidence in the data
from both methods, enabling future work to correlate droplet
impedance values with bioluminescent cell density.

I. Performance Summary and Comparison

Table I summarizes the system’s performance metrics and
compares them with the current state-of-the-art impedance
sensing in CMOS ICs [48], [71], [72], [73], [74], [75],
[76]. This project combines custom-designed CMOS ICs and

cost-effective droplet microfluidics, representing the first proof-
of-concept demonstration, to the best of the authors’knowledge,
of impedance spectroscopy paired with luminescence sensing
for high-throughput screening of bioluminescent droplets with
nL volume. Concerning power efficiency, the system matches
the latest advancements, consuming 318 µW for impedance
spectroscopy and 598 µW for the luminescence detector from
a 1.2 V supply. Notably, the input-referred noise at 1 kHz is
2.2× lower than that reported in [72], demonstrating significant
advancements in sensitivity. One of the main objectives of this
work is to replace bulky desktop instruments for impedance
and luminescence measurements in droplet microfluidic plat-
forms with compact, custom-designed CMOS ICs. Therefore,
we compared our droplet detection accuracy with LCR and
sub-femtoamp meters. While commercial equipment offers
higher readout resolution, it is not optimized for droplet de-
tection and is constrained by slower sampling rates due to
communication delays with data acquisition systems. Such
equipment struggles to accurately identify droplets moving at
higher speeds. This issue arises because the droplet’s residence
time may be shorter than the sampling period. Consequently,
commercial equipment can lead to omissions in the measure-
ment data. Hence, using commercial equipment could result in
missed droplet detection at high throughput, as demonstrated
in Fig. 26.

By incorporating custom ICs, we significantly improved the
sampling rate using our real-time sensor front end and imple-
mented a serial communication protocol within an FPGA to
reduce delays. As depicted in Fig. 26, our system achieved
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Fig. 26. Comparison with commercial solutions for impedance spectroscopy
and luminescence sensing in a droplet microfluidic platform.

100% droplet detection coverage across the range of droplet ve-
locities presented in Sections IV-C, IV-F, and IV-G. The droplet
detection coverage is defined by Eq. 19, with tr specified in
Eq. 2. The sampling period is influenced by the data communi-
cation latency between the device and the laptop used for data
collection.

Droplet Detection Coverage (%) =
100 · tr

Sampling Period
(19)

For future integration and miniaturization, the external wave-
form generator in the impedance spectroscopy architecture
could be replaced with an on-chip excitation generator using
an FPGA clock signal, followed by low-pass and high-pass
filtering, and attenuation to drive the off-chip electrode pair, as
demonstrated in [71].

V. CONCLUSION

This work advances the integration of high-throughput
droplet microfluidics with CMOS integrated circuits for syn-
thetic biology applications. Our hybrid platform combines
high-resolution and low-noise CMOS impedance spectroscopy
with sensitive luminescence detection, enabling rapid biosen-
sor screening and optimization. The key innovation lies in the
first demonstration of co-designed, low-cost, modular droplet
microfluidic devices and CMOS sensors enabling real-time
detection and analysis of nanoliter bioluminescent droplets.
Specifically, our impedance spectroscopy chip can accurately
differentiate droplet sizes from 4 to 47.9 nL at a velocity ranging
from 67 to 1.3 mm/s, while the luminescence detector chip
achieves precise real-time measurements of bioluminescent
droplets with a resolution of 6.7 nA/count. This integration sig-
nificantly improves traditional biosensor testing by eliminating

labor-intensive protocols, thus enhancing the system’s modu-
larity, adaptability, and cost-effectiveness.

APPENDIX

ADMITTANCE CALCULATION FOR REAL-TIME DROPLET

DETECTION VIA IMPEDANCE SPECTROSCOPY

We calculated the droplet admittance using ADC readouts
for our real-time droplet detection experiments. We chose this
method instead of FFT values because data transfer from the
ADCs to the laptop is quicker than from the oscilloscope.
Throughout these measurements, we set the excitation voltage
to 35 mVpp at 802 kHz.

In each experiment to determine droplet volumes, we per-
formed a minimum of 100 read-and-write operations to the
First-In, First-Out (FIFO) buffer using the SPI to interface
with the ADCs. We increased the number of operations for
experiments involving larger volume droplets to capture ex-
tended residence times accurately. During each operation on the
FPGA, we collected 8192 data samples from each ADC for the
I_FINAL and Q_FINAL signals, totaling 16,384 samples. To
reconstruct an entire 2 kHz period, approximately 147 ADC
readouts are required. For data analysis, we divided the data
into 147-point blocks and applied sine wave curve fitting to de-
termine the amplitudes of the I_FINAL and Q_FINAL signals.

After calculating the amplitudes of each data segment for
the I/Q baseband signals (VI and VQ), we computed the output
voltage VIQ as outlined in Eq. 15. The VIQ values were then
organized in ascending order, with lower amplitudes indicating
oil and higher amplitudes indicating water droplets. We deter-
mined the differential output voltage ∆|VIQ| for each droplet
size by computing the difference between the lowest 100 VIQ

values and the highest 100 VIQ values.
Similar to the FFT approach discussed in Section IV-B1, we

can calculate the input admittance as given by Eq. 20.

∆|Y | =
1

∆|Z| =
1

|Zw − Zo|

∆|Z| =
ATIA · ALPF · AV GA · |Vexc(ω1)|

∆|VIQ| . (20)
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