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I. INTRODUCTION

Analytical platforms are used in the life sciences for the
observation, identification, and characterization of various
biological systems. These platforms serve applications such
as deoxyribonucleic acid (DNA) sequencing, immunoassays,
and gene expression analyses for environmental, medical,
forensics, and biohazard detection [1]-[3]. Biosensors are a
subset of such platforms that can convey biological parame-
ters in terms of electrical signals. Biosensors are utilized to
measure the quantity of various biological analytes and are
often required to be capable of specifically detecting multiple
analytes simultaneously. A goal in biosensor research is to
create portable, hand-held devices for point-of-care (POC) use,
for example, in a physician’s office, an ambulance, or at a
hospital bedside that could provide time-critical information
about a patient on the spot [4].

The current demand for high-throughput, point-of-care
bio-recognition has introduced new technical challenges for
biosensor design and implementation. Conventional biological
tests are highly repetitive, labour intensive, and require a large
sample volume [2], [5]. The associated biochemical protocols
often require hours or days to perform at a cost of hundreds of
dollars per test. Bioinstrumentation for performing such testing
today is bulky, expensive, and requires considerable power
consumption. Problems remain in detecting and quantifying
low levels of biological compounds reliably, conveniently,
safely, and quickly. Solving these problems will require the
development of new techniques and sensors.

DNA analysis has proven to be invaluable in a wide range
of applications [1], [6], [7]. These applications include drug
development, gene expression profiling, functional genomics,
mutational analysis, and pathogen detection. Therefore the
detection of DNA is chosen to serve as a technology-driving
motivation and a platform for validating the techniques devel-
oped in this research.

In this chapter, in order to illustrate the major concepts
in CMOS fluorescence-based DNA detection, the design of
a low-cost CMOS spectrally-multiplexed contact imaging
microsystem for DNA analysis, as depicted in Fig. 1, is
presented. The core of the microsystem is a CMOS color
photogate (CPG) sensor. The sensor is prototyped in a stan-
dard digital 0.35um CMOS technology and experimentally
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Fig. 1: CMOS fluorescent DNA contact imaging microsystem.

validated in the simultaneous detection of two DNA targets,
the SMN1 and uidA sequences, which diagnose the spinal
muscular atropy disease and the E. coli bacteria, respectively.

This chapter is organized as follows. Section II provide the
background and fundamentals for DNA detection. Section III
discusses the DNA detection chemistry used in the bioassay.
Sections IV and V present a mathematical model and a pro-
totype of a fluorescent contact imaging system, respectively.
Section VI details the design and implementation of the CPG
sensor. Section VII reports experimental validation of the
CPG-based biosensor in fluorescence-based DNA detection.
Section VIII highlights key observations.

II. BACKGROUND

The genetic blueprint of every living organism is defined
by its genome and is contained in the sequence of nucleotide
bases that make up the DNA [6]. Regions of DNA called
genes are transcribed into ribonucleic acid (RNA) and are
subsequently translated into amino acids. These acids are
responsible for the formation of proteins, the major catalysts
and structural components of the cellular world.

DNA exists as a double-stranded molecule in the cell
nucleus and exhibits a three-dimensional structure known as a
double helix. The two strands are held together by hydrogen
bonds. There are four bases where Adenine, commonly abbre-
viated as ‘A’, always pairs with Thymine (‘T’) and Guanine
(‘G’) always pairs with Cytosine (‘C’). This complementary
base pairing allows the base pairs to be packed in the most
energetically favourable arrangement. The double helix can
be ‘denatured’ to form two single-stranded DNA (ssDNA)
molecules. This is often accomplished through heating. Con-
versely, two complementary ssSDNA molecules can form a
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Fig. 2: Schematic illustration of a labeled electrochemical DNA
detection setup.

double-stranded DNA molecule through the ‘renaturation’
process, commonly referred to as ‘hybridization’.

Sensors that function based on hybridization are called
affinity-based sensors [3], [8]-[10]. Affinity-based sensors
detect the concentration of ‘target’ molecules, e.g., bacteria, in
an analyte, e.g., food sample, based on their interactions with
‘probe’ molecules, which is a short DNA sequence extracted,
for example, from a bacteria being sought after. The number
of targets that hybridize onto a particular probe depends on
the strength of the interaction or the affinity of the target. A
target has a stronger affinity for its complement than it has for
probes with a different sequence. When hybridization occurs,
techniques exist to generate a change in, for example, light
intensity and charge distribution. Appropriate transducers are
often used to convert such a change into an electronic signal
for readout and analysis.

Labels may be attached to the target molecules prior to the
hybridization process in order to amplify or create the signal
resulting from hybridization. The label is often a fluorescent
molecule. However, magnetic nanoparticles, gold nanoparti-
cles, and enzymes have also been used.

Important measures of performance for affinity-based DNA
biosensors include detection limit, specificity, and dynamic
range [9], [10]. The detection limit is the lowest density of
the target that can be reliably detected by the sensor, or in the
case of a solution, the lowest target concentration that can be
detected. In practice, a specific signal-to-noise ratio (SNR) is
often used to define the detection limit, e.g., an SNR of 3dB.
The noise level can be obtained from the sensor response to
a buffer (blank) solution.

Specificity refers to the ability to respond only to a DNA
target in the analyte having a particular sequence but not to
other (non-complementary) sequences.

The dynamic range of the sensor is the ratio of the largest
measurable target concentration to the detection limit. The
former parameter is often limited, in the chemistry, by the
maximum amount of target molecules that can hybridize on
the probe layer (due to finite probe surface area) or, in the
electronics domain, by the saturation level of the detector.

A. DNA Detection Techniques

Well-known DNA detection techniques include electro-
chemical detection [9], [10], surface plasmon resonance [11],
and laser-induced fluorescence [3], [8].

1) Electrochemical Detection: In electrochemical DNA de-
tection, a charge-transfer chemical reaction causes a change
in the electrical properties of the system. Subcategories of
electrochemical methods include cycle voltammetry, constant-
potential amperometry, and impedance spectroscopy [9], [10],
which are often collectively referred to as electrochemical
amperometry. Detection may be label-free or requires the
labeling of targets. The labeled case is depicted in Fig. 2.
In general, the system involves one or more electrodes (e.g.,
reference and working electrodes) upon one of which DNA is
hybridized. Single-stranded DNA probes are first immobilized
on the electrodes and then immersed in an electrolyte solution.
Next, single-stranded DNA targets that have been labeled with
an electroactive chemical are introduced to the electrolyte and
allowed to interact with the probes. These labels are designed
to transfer charge to the electrode when a potential is applied.
Then, a potential is applied between the two electrodes and
only labels attached to surface-hybridized targets are able to
transfer charge to the electrode. A quantitative measure of
the amount of hybridization is obtained by monitoring the
reduction-oxidation current.

Although electrochemical amperometric sensing is well-
suited for low-cost, portable applications, due to the inherit
noise of performing electrochemistry in a solution, detection
limit is often orders of magnitude higher in concentration than
that of optical techniques [3], [9], [10].

2) Surface Plasmon Resonance: Surface plasmon reso-
nance is a sensing technique involving lasers [11]. Unlike the
well-known laser-induced fluorescence technique, it does not
require the use of fluorescent labels. Instead of scanning a
laser across a surface, the angle of the laser light varies as
it illuminates the bottom of the sample. The hybridization of
target molecules onto their corresponding probes causes a local
change in the refractive index of the surface and the angle of
maximal light absorption. Surface plasmon resonance is not
easily applicable to an arrayed sensor implementation, which
limits the overall sensor throughput.

3) Laser-induced Fluorescence: Fluorescence-based trans-
duction is a mature technique and finds a multitude of ap-
plications in the life sciences. In particular, laser-induced
fluorescence is a prominent sensory method for lab-on-a-
chip devices [12]. For many analytes, it provides the highest
sensitivity and selectivity [13]. As a result, fluorescence is
the most widely used, with applications ranging from cancer
diagnostics [1], [14] to genetic research [8], [13].

In the standard form of laser-induced fluorescence [2], a
fluorescent molecule, also known as a fluorescent label or
a fluorophore, is attached to each of the target molecules
through labeling. The fluorophore, upon absorbing photons
at one wavelength, emits photons at a longer wavelength.
Fluorophores such as Cy3, Cy5, and fluorescein are commonly
used as fluorescent molecules and usually emit light with the
wavelength in the 500nm to 700nm range. Fig. 3, adopted
from [15], depicts key spectra of the Cy3 fluorophore. Multiple
fluorophores, e.g., green and red labels, are sometimes used
for color multiplexing, i.e., to screen for multiple targets.

Upon excitation onto the assay, light is given off if hy-
bridization occurs, i.e., the probe found its matching target.
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Fig. 3: Key spectra of the commonly utilized Cyanine3 (Cy3)
fluorescent molecule [15].
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Fig. 4: Hybridization-based DNA detection on a microarray. Samples
are labeled with fluorescent molecules.

Fluorophores that are not bound to any probe do not produce
an optical signal. Depending on the specific assay method,
fluorophores are either chemically inactive (do not produce
light) or are removed by a washing step. Typically the light is
collected with a photodetector after passing through an optical
filter that rejects any stray excitation light.

Due to the superior sensitivity, linearity, and suitability for
spectrally multiplexed optical detection, fluorescence is chosen
to be the transduction method for this work.

B. Limits of Existing Optical DNA Detection Technologies

Fluorescence-based microarrays have arguably become the
standard optical DNA detection technology [3]. Microarrays
enable highly-multiplexed and parallel detection, depicted in
Fig. 4, adopted from [16]. Typically, single-stranded DNA
(ssDNA) probe molecules are arranged in a regular pattern
on a passive substrate, such as a glass slide. Probes are then
allowed to hybridize with complementary, fluorophore-labeled
ssDNA target molecules. After that, non-hybridized targets,
i.e., those not sought after, are removed from the array through
a washing step. The hybridized targets are then detected by
an instrument.

Although the DNA microarray is a widely adopted tech-
nology, it is not without its drawbacks. In terms of the assay,
although the spatial registration of probes in DNA microarrays
exhibits unprecedented parallelism, it suffers from disadvan-
tages such as additional processing required to print spots on

Fig. 5: An image of a cluster of spots on a typical microarray
illustrating high variability.
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Fig. 6: Schematic of a microscopy setup commonly utilized in
fluorescence sensing experiments.

a surface and the associated spatial variation in terms of the
quality of the probe immobilization across discrete spots [2],
[17]. Immobilizing probe molecules on a surface consistently
across the array is a challenge, as shown in Fig. 5 where
high variability between spots can be seen. Also, microarray
technology employs a hybridization chemistry which requires
the washing away of samples after introducing them to the
probes. This renders real-time sensing difficult, often pro-
hibitive. Therefore only the outcome rather than the dynamics
of the biological experiment can be observed. In addition,
microarray manufacturing typically involves time-consuming
processes and a laboratory environment. Microarrays often
offer much greater parallelism than required for many in-field
applications such as pathogen detection.

In terms of the instrumentation, the multiple lasers and
optical detectors employed in the microarray scanners and
the widely-used fluorescent microscope render them bulky,
which limits portability for point-of-care applications [8].
Fig. 6 depicts the light signal paths of a typical fluorescent
microscope. Excitation is typically provided by a laser source,
which passes through an excitation filter to remove stray
outputs that overlap with the emission wavelengths. Then, the
dichroic mirror reflects and directs the excitation to the sample.
The fluorophores in the sample absorbs the excitation light and
emits light at a longer wavelength, which is passed through
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the dichroic mirror. The emitted light is then directed through
an emission filter (for choosing the exact wavelength in a
multi-wavelength emission setup), a focusing lens, an aperture
(to control the output intensity to prevent detector saturation),
and finally reaches the detector, typically a photomultiplier
tube (PMT) or a cooled charge-coupled device (CCD). In
addition to limited portability, the high instrumentation cost
associated with microarray platforms can be prohibitive for
many applications.

C. Possible Solutions to Existing Technological Limitations

Reduction in platform complexity, form-factor, and cost can
be achieved using alternative detection methods and technolo-
gies other than the traditional laser-induced fluorescence based
DNA microarrays. The following approaches are used to meet
the aforementioned challenges.

1) Spectral Multiplexing: An alternative to spatial registra-
tion, which is prone to spatial variation, is spectral multiplex-
ing. In the case of fluorescence-based DNA detection, target
analytes can be labeled with different fluorophores that can be
distinguished by their emission wavelengths. By measuring
the emission intensity at each of these wavelengths, different
targets, such as nucleic acid targets, can be simultaneously
quantified [18]. Unlike other spectroscopic techniques, such as
Raman spectroscopy, where continuous fine spectral resolution
is required, fluorescent imaging requires spectral differentia-
tion among only a few discrete wavelengths [19], [20].

Differentiation between fluorescent emission wavelengths
has been conventionally achieved by using a set of optical
bandpass filters to select different parts of the emission
spectrum. The optics involved is bulky and expensive. To
circumvent this problem, other spectral methods have also
been investigated. Methods based on diffraction grating (the
splitting of light) [21] and Fabry-Perot etalon (tuned resonance
cavity) [22] generally offer high spectral resolution, but require
micromachining and post-processing such as wafer polishing
and wafer bonding. Eliminating the need for sophisticated
optics and post-processing is the ultimate remedy to the high
design complexity and fabrication cost, as recently demon-
strated in a filterless CMOS color sensor [23], which is
discussed subsequently in this chapter.

2) Microsystem Integration: The need for portability can
be met with microsystem integration. Integrated circuit based
DNA detection platforms (e.g., CMOS biosensors) have a great
potential for point-of-care diagnostic applications because they
can be integrated with other technologies to construct compact,
self-contained sensing platforms. For example, it is envisioned
that biochemical sample preparation could be performed using
microfluidic channels with integrated pumps and valves; on-
chip solid-state transducers (e.g., CMOS photodiodes) could
be used to detect specific DNA sequences in an analyte; and
microelectronic integrated circuits could amplify and condition
the transducer output signal, convert this information to a dig-
ital format, process it in order to extract relevant biochemical
data, and then transmit or display these data externally [5],
[7].

In addition, innovation in imaging techniques such as con-
tact imaging [8], [20], [24] can be employed to reduce the
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Fig. 7: Forster resonance energy transfer (FRET) based assay design
for spectrally-multiplexed detection of DNA hybridization using
multi-color QDs and black hole quencher (BHQ) labeled DNA
targets. (top) Green-emitting QDs (gQDs) and red-emitting QDs
(rQDs) are conjugated with SMN1 and uidA probes respectively.
(bottom) Expected changes in the emission of gQDs and rQDs after
hybridization. Note: a single excitation source can be used to excite
both colors of QDs.

size of the conventional bulky and expensive optical detection
instruments. Unlike the conventional fluorescent microscope,
in contact imaging, as depicted in Fig. 1, the object to be
imaged is placed in close proximity to the focal plane. In
this technique, the resolution of the imaging system is in the
order of the pixel size. This technique eliminates the need
for bulky and expensive optics such as a system of lenses and
mirrors, which enables miniaturization to realize lab-on-a-chip
platforms [25]-[27].

3) Image Sensing with CMOS: The choices of the pho-
todetector for fluorescence imaging systems have convention-
ally been the PMT and the CCD. PMTs are amongst the
most sensitive photodetectors, but are bulky, expensive and
require high operational voltage making them unattractive to
be integrated into a portable system. The throughput of PMT-
based detection systems is relatively low due to the lack of
parallelism. In contrast, CCDs can be implemented into an
array, but do not allow for on-chip integration of peripheral cir-
cuits. Implementing signal conditioning circuits on a separate
die increases cost and limits miniaturization. Complementary
metal-oxide-semiconductor (CMOS) technology, on the other
hand, has the advantages of low cost, high integration density,
and signal processing versatility, as for example demonstrated
in a time-resolved fluorescent imager [20] and a lab-on-chip
fluorometer [28].

III. DNA DETECTION CHEMISTRY

In order to appreciate the requirements and functionality of
the microsystem, the chemistry and the schematics of the assay
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design for a multiplexed detection of nucleic acid hybridiza-
tion are depicted in Fig. 7. To interrogate the probe-target
hybridization event, the assay employs multi-color colloidal
semiconductor nanocrystals or quantum dots (QDs) as energy
donors and targets labeled with black hole quenchers (BHQs)
as acceptors in the Forster resonance energy transfer (FRET)
process. FRET is a mechanism that transfers energy between
two molecules. A donor molecule may transfer energy to an
acceptor molecule, over a distance typically less than 10nm,
through non-radiative dipole-dipole coupling [29].

QDs exhibit a number of unique optical properties that
are advantageous for spectral multiplexing. These unique
properties include: narrow, symmetric and size-tunable emis-
sion photoluminescence spectra (full width at half maximum,
FWHM, 25-35nm); strong and broad absorption spectra; high
quantum yields (>20%) and long life times (>10ns) [15]. As
compared to organic fluorophores, QDs have greater resistance
to photobleaching that enables long-term monitoring. The
broad absorption spectra of QDs allows for multiple colors
of QDs to be excited efficiently with a single excitation
source which is not possible with organic dyes. These optical
properties of QDs make them suitable for optical multiplexing
and as donors for FRET-based applications [29].

In the proposed assay, green-emitting QDs (gQDs) and red-
emitting QDs (rQDs) are conjugated with the SMN1 and uidA
probes, respectively. The survival motor neuron 1 (SMN1)
sequence is a diagnostic of neurodegenerative disease called
spinal muscular atrophy. The uidA sequence is a marker for
an E. coli bacteria. SMIN1 targets are labeled with BHQ1 and
uidA targets are labeled with BHQ2. Hence, the FRET pairs
relevant to this work are gQDs/BHQI1 (donor/acceptor) and
rQDs/BHQ2 (donor/acceptor). Upon introduction of labeled
targets, the hybridization event brings the acceptors (BHQI1
and BHQ2) in close proximity to the QD, which allows the
BHQs to absorb a portion of the QD emission via the FRET
process. This absorption of energy reduces or quenches the QD
emission. This serves as the analytical signal to be detected.
A higher target concentration implies more BHQs are present,
resulting in a reduction in the overall observable QD emission
signal.

The DNA probe and target sequences used are from Inte-
grated DNA Technologies [30] with the following nucleobase
composition for SMN1 and uidA, respectively

SMNT1 probe: DTPA-5-ATT TTG TCT GAA ACC CTG T-3’
SMN1-BHQI target: BHQ1-3’-TAA AAC AGA CTT TGG GAC A-5’
uidA probe: DTPA-5’-CTT ACT TCC ATG ATT TCT TTA ACT-3’
uidA-BHQ2 target: BHQ2-3’-GAA TGA AGG TAC TAA AGA AAT TGA-5’

where DTPA denotes dithiol phosphoramidite, a chemical
moiety used to immobilize the DNA probe sequences on the
surface of QDs. Since a donor QD and an acceptor BHQ form
a FRET pair for detecting a particular target DNA analyte, it
is possible to employ different colors of the QD/BHQ FRET
pair to detect multiple target DNA analytes concurrently. This
approach is referred to as spectral multiplexing.

Unlike a typical fluorophore that emits light at longer wave-
lengths upon optical excitation, the BHQs or dark quenchers
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Fig. 8: Measured absorption and emission spectra of the two FRET
pairs used in this work. (a) green QDs donor with BHQ1-labeled
acceptors (peak AB = 534nm) and (b) red QDs donor with BHQ2-

labeled acceptors (peak AB = 583nm). The spectral overlaps are
shown as the shaded area.

absorb excitation energy but dissipate the energy of excitation
via vibrational relaxation, hence have no associated emission
spectra [31]. The absorption and emission spectra of the
two FRET pairs used in this work, and the corresponding
spectral overlap is shown in Fig. 8. Fig. 8(a) and (b) depict
gQDs donor with BHQ1-labeled acceptors and rQDs donor
with BHQ2-labeled acceptors, respectively. The spectral over-
lap for the two FRET systems is denoted by the shaded
area. The spectral overlap integrals for the gQDs/BHQI1
(donor/acceptor) and rQDs/BHQ2 (donor/acceptor) FRET
pairs are 3.2x 107 1%mOSmol~! and 5.9%10~*9cm®mol 1, re-
spectively.

IV. FLUORESCENT CONTACT IMAGING MICROSYSTEM

To enable small-form-factor, point-of-care DNA analysis,
a fluorescent contact imaging microsystem can be used to
excite the fluorescent markers and quantitatively detect their
emission, which is representative of the target concentration. In
order to aid microsystem design optimization, a quantitative
model of the fluorescent excitation, emission, and detection
process is first presented, followed by a description of a
microsystem prototype.

A. Microsystem Model

A physical model has been developed for the fluorescent
contact imaging microsystem shown in Fig. 1. The microsys-
tem consists of a light-emitting diode (LED) for excitation, an
optical filter for excitation light rejection, a fluidic structure
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to hold the sample solution, and a sensor for photo detection.
The sample is assumed to be a solution containing fluores-
cent molecules, e.g., fluorophores. The formulation seeks to
estimate the amplitude and signal-to-noise ratio (SNR) of the
fluorescence emission light that is measured by the photo
sensor outputting a digital signal. Beginning the analysis with
the excitation light, the Beer-Lambert Law can be used to
describe the absorption of light traveling through a medium,
specifically

T = I_ 10~¢es! (1)

Iy

where T' is the transmissivity or fraction of the excitation light
that travels through the sample medium, in this case a layer
of fluorophore. It is defined as the ratio of the transmitted
excitation light I to the intensities of the incident excitation
light Iy. € is the molar absorptivity of a fluorophore, c; is the
fluorophore molar concentration, and [ is the length of the light
path through the medium, i.e., the thickness of the medium,
given by

l=V;/Ay, 2)

where V; and Ay are the fluorophore sample solution volume
and the fluorophore footprint area that the solution occupies,
respectively.

The absorptivity or the fraction of the excitation light
absorbed by the fluorophores can be expressed as

F,=1-T. 3)

The excitation photon rate, R, is the rate at which excitation
photons are successfully absorbed by the fluorophore sample,
given by

PSCE
Eph, ’

Re, = F, “)

where P., is the power of the excitation light that falls onto
the fluorophore sample area Ay, given by

Ay
A,
where Py, and Ag,.. are the power and the total illuminated
area of the excitation source, respectively. I, is the photon
energy of the excitation light, given by
hc

o
where h is Planck’s constant, ¢ is the speed of light and A,
is the wavelength of the excitation light.

The rate of the fluorophore emission light that reaches the
photo sensor pixel area can be estimated by

Pey = Py 5)

Epn = (6)

Rem = ncpnfilterndyeRem @)

where 7., is the fluorescent emission collection efficiency of
the pixel, 77z, is the filter transmissivity at the emission light
wavelength, and 74, is the quantum yield of the fluorophore.
7ep 1S given by

Nep = NepApias 8)

where 7., is the fluorescent emission collection efficiency per
unit area and A, is the pixel area.
The photodetector current can be expressed as

Ipd = qkpdnffReM7 9)

where ¢ is the electron charge, k,q is the responsivity of the
photodetector which is temperature-dependent, and 7y is the
fill factor of the sensor pixel. The voltage developed at the end
of the integration time T},,; at the output of a direct-integration
photodetector can be expressed as
IpdTint

Cpa
where Cpq is the pixel integration capacitance, often imple-
mented by the photodetector parasitic capacitance.

The voltage V,,q is often digitized by an ADC. For a self-

reset based current-to-frequency ADC [23], the digital output
is given by

Vpd = (10)

Vpd
‘/;"ef - V;“st’
where V,..r and V., are the reference voltage and reset

voltage, respectively. Finally, the SNR of the emission signal
is given by

Dout = (11)

SNR(dB) = 20log (%> , (12)

Ooutr

where o0,y is the standard deviation of D,,; at the back-
ground level (i.e., when R.,, = 0). This standard definition
of SNR assumes noise is independent of the input amplitude.
This assumption is valid for a read noise dominate case, for
example, an imager fabricated in a standard CMOS technology
sensing a fluorescence signal typically of a low intensity [19],
[32]. 02,,, is the noise power, which is given by

Ooutr = 02 + One (13)

where 02 and o2, are the noise power components attributed
to sensor electronics and non-electronic mechanisms, respec-
tively. o2 consists of noise sources such as detector dark
noise, readout circuit thermal and flicker noise, and ADC
quantization noise. Noise associated with other non-electronic
mechanisms of the microsystem includes various well-studied
effects such as randomness in excitation scattering [33],
autofluorescence [34], and non-specific absorption [35]. The
detection limit is conventionally defined [36] as the signal that
is equal to 30,4y, i.e., the signal at which SNR=3 (9.54dB).

To summarize, equations (2), (5), and (7) are associated with
the chemistry and optics of the microsystem, whereas equa-
tions (9)-(11) are associated with VLSI circuit implementation.
Equations (11) and (12) are utilized to estimate the amplitude
and SNR of the observed fluorescence signal as it relates to
various microsystem parameters.

For the measurement of noise parameters, ag can be ob-
tained by directly illuminating the sensor pixel by a controlled
light source whose intensity is calibrated to the level that
produces D,,;. The output noise o,y can be obtained by
using a non-fluorescent buffer solution to represent the zero
signal (i.e., Rem, = 0) and captures the effects of non-idealities
in the microsystem. Noise associated with other non-electronic
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Fig. 10: Measured thin-film filter transmission characteristics.

mechanisms of the microsystem can be obtained by de-

embedding the electronic noise from the output noise, i.e.,

2 2 2
One = Ooutr — Oe-

V. MICROSYSTEM PROTOTYPE

Fig. 9 is a photograph of the prototyped microsystem. The
microsystem consists of a blue LED for excitation, a collimator
to ensure the excitation light reaching the sample and the filter
has a normal angle of incidence, an optical emission filter,
a fluidic structure for holding the sample solution, and the
CMOS CPG sensor for photo detection.

A. Filter

The optical filter chosen for the microsystem is a discrete
thin-film interference filter for attenuating the excitation light
from the Philips Luxeon K2 450nm blue LED excitation
(FWHM = 20nm) [37]. It has been designed, fabricated
(Omega Optical) [38], and optically tested prior to integration
with the CMOS die. This approach is chosen over the direct
deposition of thin-film layers over the CMOS die to ensure
that proven methods for coating planar substrates can be
used during filter fabrication. Direct thin-film deposition over
the CMOS die involves higher costs due to complications
in adjusting the fabrication process to compensate for the
temperature and material differences between the surface of
the optical filter and the CMOS die. The encapsulation of
bond wires for protection during the coating process in the
direct filter deposition method requires additional costs.

In the proposed microsystem, a 100um-thick, 2.5cmx2.5cm
optical filter is diced into several smaller 1.5mmx1.5mm
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Fig. 11: Sensor digital output for 10uL of 2uM red (620nm) QD.

pieces to match the size of the CMOS pixel array. Fabricating
multiple filters by dicing a single filter significantly reduces the
unit cost. The interference filter is fabricated using 60 layers
of NbyOs and Si0,. These materials are selected for their
durability and optical properties. The coatings are deposited
onto a 100um-thick microsheet of fused silica substrate by
vapor deposition. The coated substrate is then cut with a
diamond saw to the size required to cover the pixel array.
Finally, the diced filter is attached to the CMOS die.

The long-pass interference filter has a cut-off wavelength
of 510+£2nm. The cut-off wavelength is chosen to transmit
the emitted light from the gQDs and rQDs, with the peak
emission wavelengths of 520nm and 620nm, respectively. The
transmission of the filter is greater than 90% at 520nm and
on average greater than 85% from 520nm to 700nm, as
depicted in Fig. 10. The filter has been tested under laboratory
conditions to provide an optical density (OD) of six (e.g., 10°
attenuation) at the excitation wavelength of 450nm for an angle
of incidence of up to 20 degrees from the normal.

B. Fluidic Structure

To ameliorate the scattering effects caused by uneven drying
of the samples, the QDs are imaged in the solution phase as
opposed to solid phase. For a tight control of the geometry of
the QD solution to be sensed, a micro-reservoir is fabricated to
contain the solution instead of depositing the QD on a surface,
such as a glass slide.

To fabricate the reservoir, a circular volume is removed
by a metal punch from a piece of polydimethylsiloxane
(PDMS), which is subsequently plasma bonded to a glass
cover slip. The dimensions of the cover slip, which forms
the bottom of the reservoir, are 22mm (length) x 22mm
(width) x 150pm (thickness). The bottom of the reservoir
is made as thin as possible to minimize the distance between
the sample and the focal plane. The 4mm-diameter reservoir,
with a side wall height of 1mm, holds a sample volume of
approximately 10uL.

C. Microsystem Model Validation

As a form of validation, the physical model is compared
with experimental results. In particular, the model has been
used to describe the effect of varying the excitation power
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TABLE I: MICROSYSTEM MODEL PARAMETERS AND PHYSICAL CONSTANTS

Symbol Model Parameter Value Unit
Primary Design Parameters

€ molar absorptivity of fluorophore at A, 1.00x10® M~ 'm™!

Vs fluorophore sample volume 1x107® m?

Ay fluorophore sample area 4%107° m?

cy fluorophore molar concentration 2x107° M=mol/L

Pore power of the excitation source 40x1073 w

Asre illuminated area of the excitation source 4x107* m?

Aez excitation wavelength 450%107° m

Nep fluorescent emission collection efficiency of pixel 0.06 -

Nep 7ep PET UNIt area 1.96x10° m~—?

Apiz pixel area 3.06x1078 m?

Nfilter filter transmissivity at emission wavelength 0.85 -

Ndye fluorophore quantum yield 0.25 -

kpd photodetector responsivity 0.30 AW

nff sensor pixel fill factor 0.10 -

Tint integration time 1.00 S

Chpa pixel integration capacitance 500x1071° F

Viey ADC reference voltage 0.10 \Y

Vist pixel reset voltage 0 v

Oe standard deviation of electronic noise 3.39 LSB

One standard deviation of non-electronic noise 7.72 LSB
Intermediate Design Parameters

T light transmissivity through fluorophore 0.74 -

l optical path length through fluorophore 2.50%x1073 m

F, absorptivity of excitation by fluorophores 0.26 -

Rea excitation photon rate 3.24x 10" photons/s

Pey excitation power illuminating fluorophore area 4.00x10~* w

Epn energy per excitation photon 3.21x107% J

Rem rate of fluorophore emission collected by pixel 9.14x10° photons/s

Ipa photodetector current 439x10~ 1 A

Vpa photodetector output voltage 88.7 (effective) v

Dout ADC digital output 887 (Psrc=40mW) LSB

Tout! standard deviation of ADC digital output 9.26 (at no fluores.) LSB

SNR signal-to-noise ratio of microsystem 39.6 (Psr.=40mW) dB
Physical Constants

Na Avogadro’s number 6.02x10% molecules/mol

h Planck’s constant 6.63x10734 Js

c speed of light 3.00% 108 m/s

q electron charge 1.60x10~*° coulomb

on the sensor output of the prototype depicted in Fig. 9.
Fig. 11 depicts the sensor output from measuring the emission
of 10uL of 2uM red (620nm) QD solution. The values
of model parameters used are enumerated in Table I. Four
measurements are performed at 10mW, 20mW, 30mW, and
40mW of blue LED excitation power. Sensor output has been
calculated for several pixel collection efficiencies 7., and from
correlating the model with measurements, it is found that 7.,
is approximately 6%.

VI. CMOS COLOR-PHOTOGATE SENSOR

The complexity of the microsystem is significantly reduced
by the integration of a CMOS color sensor, which is based on
the color photogate (CPG). The CPG spectrally detects and
differentiates the multi-color emission, eliminating the need
to mechanically swapped filters. The CPG further performs
analog-to-digital conversion.

A. Principle of Operation

When multiple wavelengths of light are incident simultane-
ously, the intensities at these wavelengths can be determined
by measurements from as many photo detectors with unique
spectral responses. For example, for a two-wavelength input,
the photo currents I; and I> measured by two photo detectors
can be related to the input intensities ¢; and ¢3, at wavelengths
A1 and Ao respectively, by

I = ki1¢1 + ki2¢2 (14)

Iy = ko1¢1 + koogpo

where the k-coefficients capture the responsivity of the detec-
tors at different wavelengths and can be obtained empirically.
The input intensities ¢; and ¢» can be obtained by solving the
system of equations, provided that the detectors have unique

5)
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Fig. 13: 175pmx 175pm pixel with a 50umx50pm CPG in a 0.35um
standard CMOS technology: (a) layout and (b) micrograph.

spectral responses (i.e., equations are linearly independent).
This model can be extended to a finite set of N wavelengths.
To determine the intensity of an input spectrum to a resolution
of N distinct wavelengths, N measurements are required from
the N detectors (one measurement per detector), with each
detector having a unique spectral response.

B. VLSI Implementation

To create the equivalent of multiple photo detectors with
unique spectral responses, the CPG depicted in Fig. 12 has
been utilized [23]. It is comprised of the core and edge regions.
The core region of the CPG is covered by a polysilicon gate. A
pT diffusion, referred to as the edge region, forms the device
output. A n diffusion fabricated in an n-body forms the body
bias ohmic contact. The entire CPG is physically implemented
in an n-well for isolation against the substrate noise and,
potentially, crosstalk from adjacent pixels in a sensor array.
The p* output diffusion is limited by readout circuit operation
to a voltage lower than the n-well voltage to ensure a reverse
biased junction. The CPG has a structural resemblance to the
conventional CMOS monochromatic p*/n-body photodiode
and is an integrated approach to coarse color differentiation
for multi-color fluorescence detection.

The gate performs two key functions. First, it is a terminal
for the application of the electric field to modulate the extent
of photo-generated carrier collection in the core region, the
area under the gate. As the gate-to-body voltage Vi changes,
the CPG transits through modes of operations, analogous
to a metal-oxide-semiconductor (MOS) capacitor. This mode
change leads to a change in the carrier collection efficiency,
which ultimately leads to a change in the device photocurrent.

When a high Vg p is applied so that no depletion region is
formed under the MOSFET gate, photocurrent generation only
takes place at the p™/n-body depletion region. For a low Vg,
majority carrier electrons in the n-body are repelled from the
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Fig. 14: Measured CPG photocurrent for monochromatic light at
620nm (red), 520nm (green), and 450nm (blue).
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Fig. 15: System diagram of the CMOS color photogate (CPG) sensor.

silicon surface thereby forming a depletion region under the
gate, which participates in photo sensing.

The gate also acts as an optical filter. Due to the op-
tical property of polysilicon, light experiences wavelength-
dependent absorption as it travels through the gate, as illus-
trated in Fig. 12. Since absorption is such that the gate provides
greater attenuation at shorter wavelengths, the CPG core region
is responsible for sensing longer (e.g., red) wavelengths. Since
the core and edge regions of the CPG have different spectral
properties, by using multiple gate-to-body voltages to activate
the core region to different extents, the equivalent of multiple
detectors with different spectral responses can be created,
implementing equations (14) and (15) for two gate-to-body
voltages in a single device.

The CPG has been prototyped in a 0.35pm standard CMOS
technology, as depicted in Fig. 13. Each 175um x 175um pixel
can be readily tiled to form an array for imaging. It consists a
50pumx50pum CPG and an ADC for digital readout. The CPG
photocurrent measured across Vi p for three monochromatic
illuminations using a semiconductor parameter analyser is
depicted in Fig. 14. For 0V<V5p<0.6V, the ratio of the
currents corresponding to each color changes significantly
as a function of Vip. Therefore, gate voltages within this
range are utilized for the multiple measurements as required
in equations (14) and (15).

Fig. 15 depicts the overall CPG-based sensor architecture.
To resolve N colors, N CPG responses at N different values
of Vgp are passed through the ADC for digitization. The
reconstruction algorithm that solves for the input spectrum ¢
in equations (14) and (15) is implemented in software. LED
based experimental validation of the CPG design has been



BOOK CHAPTER

250
q) MEASURED BY PTI QUANTAMASTER
X MEASURED BY CMOS SENSOR

n
S
3

R

1501 &

5
o
&

OUTPUT - ADC CODE [LSB]
o1
=]

R
®

0
0 250 750 1250 1750 2250
TARGET DNA CONCENTRATION - GREEN [nM]

(a)

250
* <I> MEASURED BY:PTI QUANTAMASTER
X MEASURED BY:CMOS SENSOR

]

OUTPUT - ADC CODE [LSB]

2 g

0 250 750 1,250 1,750 2,250
TARGET DNA CONCENTRATION - RED [nM]

()

10
x10°
8
——TARGET=0nM
7 —— TARGET=250nM
TARGET=750nM
6 TARGET=1250nM
- TARGET=1750nM
Z 5 TARGET=2250nM
3 4
=
T 3
2
1
0 _ _
450 500 550 600 650 700
WAVELENGTH [nm]
(b)
x10°
4[| —TARGET=0nM
55|/ — TARGET=250nM
’ TARGET=750nM
3 TARGET=1250nM
= TARGET=1750nM
525 TARGET=2250nM
Q
O 2
et
s
o 15
1
05
0 L
450 500 550 600 650 700
WAVELENGTH [nm]

(d

Fig. 16: Single-color hybridization experiments. (a)-(b) FRET based transduction with gQDs for the detection of the survival motor neuron 1
(SMN1) sequence, which is a marker sequence for a spinal muscular atrophy disease, (c)-(d) FRET based transduction with rQDs for the
detection of the uidA sequence associated with E. coli. (a) and (c) presents the measured response from the proposed sensor, whereas (b)
and (d) represent the reference response from the commercially available PTI QuantaMaster spectrofluorimeter (as a reference). The area
under the curves in (b) and (d) are normalized to the CMOS sensor response in the absence of target DNA (i.e., OnM concentration) and

superimposed onto (a) and (c).

reported in [23]. Here we present system design validation in
DNA detection applications.

VII. SYSTEM VALIDATION IN DNA DETECTION

The microsystem has been verified through both single-
target (single-color) DNA detection and simultaneous multi-
target (spectrally-multiplexed) DNA detection. For a two-color
system, as can be seen in Fig. 14, pairing red QDs with blue in-
stead of green QDs would produce greater linear-independence
in the k-coefficients in equations (14) and (15). However, since
the blue QD requires ultraviolet excitation light, it is not a
widely-adopted fluorescent molecule. Therefore, green and red
QDs are chosen to demonstrate the microsystem.

A. Preparation of Quantum Dots

Oleic acid capped organic core/shell CdSeS/ZnS based
QDs from Cytodiagnostics [39] have been made water-soluble
by a ligand exchange reaction with 3-mercaptopropionic
acid [5]. The quantum yields of the mercaptopropionic acid
capped gQDs and rQDs are 0.19(£0.02) and 0.25(£0.03),
respectively. The peak emission of gQDs and rQDs are at
520nm and 620nm, respectively, with FWHM = 29nm for
both colors of QDs. The molar absorptivity € of quantum
dots has been measured by absorption spectroscopy using
the HP8452A diode-array spectrophotometer, with the values
of 5.90x10"M~'m~! and 1.00x103M~'m~! at 450nm for
gQDs and rQDs, respectively, which are typical for CdSe
QDs [40].

B. DNA Hybridization Assays

As depicted in Fig. 7, to produce a FRET-based fluorescent
light output, QDs are conjugated with the DNA probes and
DNA targets are labeled with BHQs. The SMN1 and uidA
sequences, which are marker sequences for a spinal muscular
atrophy disease and for E. coli respectively, are utilized
as DNA targets. For experiments involving single-color QD
solutions, 250nM of gQD-SMNI1 probe conjugates are in-
cubated with OnM, 250nM, 750nM, 1250nM, 1750nM and
2250nM concentrations of BHQ1-labeled SMNI1 targets. The
hybridization has been done overnight in 50mM borate buffer
with 250mM NaCl at pH9.25. Similarly, 250nM of rQD-uidA
probe conjugates are incubated with various aforementioned
concentrations of BHQ2-labeled uidA targets.

For the multi-color experiments, gQD-SMN1 probe conju-
gates and rQD-uidA probe conjugates at 250nM concentra-
tions each have been incubated with (OnM, OnM), (250nM,
250nM), (1250nM, 1250nM), (2250nM, 2250nM), (250nM,
2250nM) and (2250nM, 250nM) concentrations of BHQ-
targets. The first number in the parentheses corresponds to
the concentration of BHQ1-labeled SMNI1 target, whereas the
second number corresponds to the concentration of BHQ2-
labeled uidA target. The hybridization condition is kept the
same as that of single-color hybridization experiments.

C. Single-Target DNA Detection

Fig. 16 shows single-color hybridization experiments with
both colors of QDs demonstrating the applicability of the
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assay and the color photogate to quantitatively detect BHQ-
labeled DNA targets via FRET-based quenching of QD emis-
sion intensity. A hybridization event between the immobilized
probes on the surface of QD and BHQ labeled targets provided
proximity necessary for FRET-based energy transfer between
the donors (gQDs and rQDs) and the acceptors (BHQI and
BHQ?2). Figs. 16(a) and (b) depict measurements from a
250nM solution of gQD-SMNI1 probe conjugates, with OnM,
250nM, 750nM, 1250nM, 1750nM, and 2250nM of BHQI1-
labeled SMNT1 targets. Figs. 16(c) and (d) depict measurements
from a 250nM solution of rQD-uidA probe conjugates with
OnM, 250nM, 750nM, 1250nM, 1750nM, and 2250nM of
BHQ2-labeled uidA targets.

Figs. 16(a) and (c) depict intensity measurements from the
proposed CPG sensor for various DNA target concentrations,
for a 1 second integration time. A total of eight measurements
were taken for a total integration time of 8 seconds. The
error bars show one standard deviation of the variation across
the eight measurements. As a reference, Figs. 16(b) and (d)
depict QD emission intensities measured by the commercially
available QuantaMaster PTI spectrofluorimeter in the presence
of a filter, with an optical density of 1 (i.e., 10x attenuation),
to attenuate the excitation. For comparison, the area under the
curves in Figs. 16(b) and (d) are normalized to the CMOS
sensor response in the absence of target DNA (i.e., OnM
concentration) and superimposed onto Figs. 16(a) and (c).

Since there is only one emission band in single-color
experiments, emission intensity is the only quantity to be
measured as the wavelength is known. As a result, for single-
color experiments, the CPG sensor functions as a regular
monochromatic sensor, i.e., mathematical reconstruction is not
necessary.

Fig. 16 shows that the measurements made using the CPG
sensor correlate well with the measurements made using the
commercial spectrofluorimeter. For both QD emission bands,
the intensity has been observed to decrease with increasing
target concentration. This is as expected since increasing the
target concentration allowed for a greater number of acceptors
(BHQs) to interact with the donors (QDs), resulting in an
increase in FRET-based energy transfer, hence a decrease in
the QD emission intensity.

The results of Fig. 16 exhibit the expected behavior of
exponential reduction in the fluorescence emission intensity of
QDs with increasing concentrations of targets. The exponential
nature of the response with increasing target concentrations
is due to the exponential changes in FRET efficiency with
increasing number of acceptors, i.e., the target concentra-
tion [41].

It is worth noting that since the signal transduction is
based on FRET, the quenching of the QD emission intensity
only occurs upon the hybridization of targets with probes
on the QD surface. As a result, a washing step requiring
removal of excess non-hybridized target from the solution is
not necessary, which provides an opportunity for real-time
detection of hybridization profiles.

It can also be observed from Figs. 16(a) and (c) that when
the DNA targets are not present (i.e., target concentration
is zero), sensor output signals of 200 codes (¢ = 8.0) and
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Fig. 17: Spectrally-multiplexed simultaneous two-target DNA detec-
tion. The survival motor neuron 1 (SMN1) sequence is a marker for
a spinal muscular atrophy disease and the uidA sequence is a marker
for E. coli. (a) measured with the proposed sensor, and (b) measured
with a spectrofluorimeter (as a reference).

230 codes (¢ = 8.6) are present for the green and red
transduction channels, respectively. Based on the conventional
30 definition, the detection limits of 170nM and 80nM are
achieved for the targets associated with green and red channels,
respectively. It is worth noting that the ratio of these detection
limits can be predicted by the model developed in Section III
as the molar absorptivity of rQD is approximately 2x that of
the gQD at the 450nm excitation wavelength. Also, since 10uL
of sample volume is used for each measurement with detection
limits expressed in terms of concentration of 170nM and
80nM, the microsystem is able to detect 1.7pmol and 0.8pmol
of target DNA for the green and red channels, respectively.

D. Simultaneous Two-Target DNA Detection

The single-color green and red QD systems have been
spectrally-multiplexed into a multi-color system for the si-
multaneous detection of SMN1 and uidA targets, with results
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shown in Fig. 17. Fig. 17 depicts six trials each with different
combinations of two DNA target concentrations. The data
shown in Figs. 17(a) and (b) are obtained from the DNA bioas-
says by measuring the response with the proposed sensor and
a commercial spectrofluorimeter as a reference, respectively.
These trials are two-color experiments demonstrating the abil-
ity of the CPG to concurrently detect two different DNA tar-
gets via FRET-based quenching of QD emission. Each solution
contains gQD-SMNI1 probe conjugates and rQD-uidA probe
conjugates at 250nM concentrations each, and are incubated
with (OnM, OnM), (250nM, 250nM), (1250nM, 1250nM),
(2250nM, 2250nM), (250nM, 2250nM) and (2250nM, 250nM)
concentrations of BHQI1-labeled SMNI1 targets and BHQ?2-
labeled uidA targets (denoted as the first and second number
in the parentheses, respectively). The integration time for each
trial is 1 second.

To invoke the spectral sensing capability of the sensor,
the input is sampled at multiple CPG gate-to-body voltages.
In this case of detecting two colors of QD emissions, two
values of Vgp are used. To improve detection accuracy,
for each combination of DNA target concentrations, eight
measurements are performed at each of the two gate voltages
Va1 = 0V, Vgpe = 0.6V, with Vgopy = 1.5V). The
data from each set are then averaged, background subtracted,
and fed into the reconstruction algorithm to solve for the input
intensities at each of the two wavelength bands that indicate
the respective concentrations of two targets in terms of the
emission intensities from both colors of QDs.

It is worth noting that the measurements shown in Fig. 17(a)
are based on measured QD emission intensities expressed
in terms of concentration from the intensity-to-concentration
relationships established in Figs. 16(a) and (c) for the green
and red QDs based FRET systems, respectively. For example,
for the (OnM, OnM) trial in Fig. 17(a), since the absence of
both DNA targets results in no quenching of QD emission
in the green and red channels, the CPG sensor output, which
measures the QD emission intensity is actually the highest of
the six trials.

It has been observed that the QD emission intensity of
a certain transduction channel is affected by the degree of
quenching in a neighboring channel (e.g., in Fig. 17(b),
compare trials 2 and 5 for the green channel, and trials 2
and 6 for the red channel). This form of crosstalk is attributed
to the effects of non-specific absorption [7] in the bioassay,
not the CPG sensor. For example, in trial 5, a large degree of
quenching in the rQD emission channel due to the presence of
high concentration of BHQ2-labeled uidA target also impacts
the gQD emission channel. This results in a signal reduction
in the gQD emission channel to a greater extent than in trial 2
despite the presence of the same amount of SMN1 targets in
both trials. This accounts for the overestimation in trials 5
and 6 of Fig. 17(a). Nonetheless, non-specific absorption can
be suppressed by using denatured bovine serum albumin to
passivate the surface of QDs [7].

It can be observed from Fig. 17(a) that when the DNA
targets are not present (i.e., target concentration is zero), the
sensor reports the expected averaged result of approximately
zero target concentration with o ~ 80nM and ¢ ~ 70nM for

the green and red transduction channels, respectively. Based on
the conventional 30 definition, the detection limits of 240nM
and 210nM are achieved for the targets associated with green
and red channels, respectively. Since 10uL of sample volume
is used for each measurement with detection limits in terms of
concentration at 240nM and 210nM, the microsystem is able
to detect 2.4pmol and 2.1pmol of target DNA for the green
and red channels, respectively.

VIII. DISCUSSION

Although the CPG exploits the gate structure in standard
CMOS technology, thus requiring no external filter, the poly-
gate nonetheless attenuate the incoming light before it is
sensed. In the 0.35um CMOS process, the thickness of the
polysilicon gate is approximately 300nm [42], leading to an
approximate attenuation of 65%, 30%, and 15% for blue
(450nm), green (520nm), and red (620nm) light, respectively.
This results in a reduction in sensitivity especially in short
(£400nm) wavelengths. One possible solution is to integrate a
standard CMOS photodiode in the pixel, as shown in Fig. 13.
The p™/n-body photodiode can be used for monochromatic
measurements of fluorophores that emits in the blue region,
extending the range of fluorophores supported by the mi-
crosystem.

In this work, eight samples (N = 8) from each Vgp
have first been averaged, then used in reconstruction. The
advantages of averaging N images as opposed to making
measurements at /N bias voltages can be studied using a two-
color example. In the case of averaging, two bias voltages are
used. The computations are in taking averages of N samples,
followed by solving a system of two equations. In the case
of using multiple bias voltages, the question arises concerning
the appropiate choices of the N bias voltages. According to
Fig. 14, having evenly distributed biases that span across the
entire Vgp axis would not be a good choice as the use of
multiple bias voltages in the ‘flat’ regions (i.e., Vgp < 0V
and Vgp > 0.6V) would yield poor linear-independence in
the k-coefficient model. Therefore, the eight samples should
be chosen within 0 < Vgp < 0.6V. In reconstruction, N
equations are solved for N unknowns. Assuming that the
integration time per sample is much longer than the com-
putation time, as it is likely the case for biological imaging,
both cases have approximately the same total integration time.
However, the latter case suffers from two problems. First, it
has lower scalability to N. Fitting N bias voltages within
0 < Vgp < 0.6V where N is large would require very precise
electronics. Second, in general, the algorithmic complexity is
much higher for solving a system of N equations (N >> 2)
than a system of two equations. Therefore, the first approach
is preferred.

In conventional microscopes, light penetrates the filter at
normal incidence, where interference filters performs well.
However, in contact imaging the fluorescence light reaching
the detector covers a wide range of angles of incidence because
the light emitters are close to the detector. Although experi-
mental results from the prototype have not shown significant
background, it is worth noting that excitation rejection can be
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further improved by filter structures that can tolerate a wide
angle of incidence while offering a high optical density, such
as a hybrid interference and absorption filter [27].

The range of non-zero target concentrations explored is
250nM to 2250nM. This corresponds to approximately 1.4
orders of magnitude of dynamic range in terms of detectable
DNA target concentration, which is typical of FRET-based
systems [29]. Since the nature of the assay involves decrease
in QDs fluorescence emission intensity with increasing tar-
gets concentration, the 250nM concentration of QD-probe
conjugates have been chosen to provide sufficient initial QD
fluorescence emission intensity in the absence of BHQ-labeled
targets, to be subsequently quenched in the presence of targets.
It is worth noting that the dynamic range of the assay is tun-
able, depending on the concentration of QD-probe conjugates,
as previously reported [7]. Hence, target concentrations lower
than 250nM or greater than 2250nM can be quantitatively
determined by simply changing the concentration of QD-probe
conjugates. To illustrate, consider the case that nine DNA
probe strands are immobilized on a surface of a single QD in a
250nM QD solution. This system can detect up to a maximum
of 2250nM of target strands, because the total number of
probe molecules for 250nM of QD is 2250nM. Detecting a
higher target concentration is not possible because all probes
are bound to targets. Therefore, if 125nM concentration of
QD-probe conjugates is used instead of 250nM, the lower
limit of detection can be further brought down. However, this
also brings down the upper limit of detection, as a smaller
number of QD-probe conjugates have a smaller number of
probe molecules to hybridize with the targets, as only a certain
number of probe molecules can be immobilized on the surface
of a QD. On the other hand, if 500nM concentration of QD-
probe conjugates is used instead of 250nM, the upper limit of
detection can be extended to 4500nM.

It is often meaningful to characterize the detection limit
in terms of the required sample size, instead of solely based
on the analyte concentration [43]. Considering the 10uL of
sample volume used, the proposed microsystem achieves a
detection limit for DNA targets at the picomolar level. This is
advantageous especially for applications where the extraction
or amplification of sample DNA in large quantities is difficult.
As a further benefit, reduction in the sample volume allows
for samples to be processed by microfluidic devices, which
enables miniaturized and integrated systems.

IX. CONCLUSION

A spectrally-multiplexed fluorescence detection microsys-
tem for DNA analysis is presented. The microsystem has been
quantitatively modeled and prototyped, integrating a CMOS
color photogate sensor. The sensor detects and differenti-
ates among the emission light of green and red fluorescent
biomarkers without mechanical switching of emission filters.
The entire detection system utilizes only one long-pass optical
filter for excitation light attenuation. The microsystem has
been experimentally verified by the simultaneous detection
of two DNA targets with the detection limits of 240nM and
210nM for the SMN1 and uidA sequences. The prototype is

an enabling technology for miniaturized, low-cost, and parallel
gene-based point-of-care diagnostics.
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