IEEE TRANSACTIONS ON NANOBIOSCIENCE, VOL. 23, NO. 1, JANUARY 2024 157

Y . IEEE
EMB Cg? Shutomation /{7 NANO
—o 4 Society

Plasmonic Optical Fiber Based Continuous
in-Vivo Glucose Monitoring for ICU/CCU Setup

Souvik Kundu™, Shawana Tabassum, Ritwesh A. Kumar, E. Dale Abel*,
and Ratnesh Kumar™, Fellow, IEEE

Abstract—This paper reports a sensor architecture for
continuous monitoring of biomarkers directly in the blood,
especially for ICU/CCU patients requiring critical care and
rapid biomarker measurement. The sensor is based on
a simple optical fiber that can be inserted through a
catheter into the bloodstream, wherein gold nanoparticles
are attached at its far distal end as a plasmonic mate-
rial for highly sensitive opto-chemical sensing of target
biomolecules (glucose in our application) via the exci-
tation of surface plasmon polaritons. For specificity, the
nanoparticles are functionalized with a specific receptor
enzyme that enables the localized surface plasmon reso-
nance (LSPR)-based targeted bio-sensing. Further, a micro
dialysis probe is introduced in the proposed architecture,
which facilitates continuous monitoring for an extended
period without fouling the sensor surface with cells and
blood debris present in whole blood, leading to prolonged
enhanced sensitivity and limit of detection, relative to exist-
ing state-of-the-art continuous monitoring devices that can
conduct direct measurements in blood. To establish this
proof-of-concept, we tested the sensor device to monitor
dlucose in-vivo involving an animal model, where continu-
ous monitoring was done directly in the circulation of living
rats. The sensor’s sensitivity to glucose was found to be
0.0354 a.u./mg.dI~"! with a detection limit of 50.89 mg/dI.

Index Terms— Biosensor, glycemia, continuous glucose
monitoring, plasmonic, SPR, LSPR.

[. INTRODUCTION

HERE exists technological challenges in continuous

biomarker monitoring in-vivo in whole blood. These
include lack of stability of the sensors and limited re-usability,
reduced sensitivity due to fouling from blood debris, real-
time monitoring requirement, expensive manufacturing cost,
are some examples of feasibility challenges needing viable
solutions [1]. In this paper, we establish a proof-of-concept
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of such a sensor architecture by targeting in-vivo continuous
glucose monitoring (CGM), which is especially useful in
ICUs/CCUs and where CGM becomes a critical aspect of
treatment. In the case of hospitalized COVID-19 patients
with pre-existing conditions of type-2 diabetes, the impact of
unbalanced glucose levels is amplified, and the CGM need
becomes even more given that patients with poorer blood
glucose control showed an increased mortality rate relative
to those with better glucose control [2].

Glycemia in critically ill ICU patients can range from hyper-
glycemia to hypoglycemia, where the former is not uncommon
even among those patients who have not been previously
diagnosed with diabetes [3]. Those cases are clinically known
as stress-induced hyperglycemia (SIH), or hospital-related
hyperglycemia [4], [5] and are associated with increased ICU
mortality. There is also a subtle relation between sepsis [6],
one of the most common causes of death in ICUs [7],
and glycemic status in ICU patients. In these patients,
a hyper-metabolic state exists [8], predominantly due to the
intense hormonal and cytokine responses like TNF, IL-1, and
IL-6, that important mediators of insulin resistance, resulting
in hyperglycemia [9]. In the case of COVID-19 treatments,
systemic glucocorticoids used for dampening the cytokine
storm often raise blood glucose levels exponentially. This
glycemic variability in the case of critically ill ICU patients
is usually quantified via the standard deviation around the
mean or coefficient of variation (CV), which equals standard
deviation/mean [10]. Greater glycemic variability is associated
with a significantly higher mortality rate: A blood glucose
level standard deviation of > 20 mg/dL was associated with a
9.6-fold increase in mortality compared with a blood glucose
level standard deviation of < 20 mg/dL. A study has also
revealed that even a single episode of severe hypoglycemia
or low glucose level is associated with an increased risk of
mortality [11]. Some studies have found that glucose levels
of 140-180mg/dL can be associated with the best risk-benefit
ratio [12], and based on that the American Association of Clin-
ical Endocrinologists and the American Diabetes Association
have adopted these levels as targets for ICU patients [13].
Thus, continuous monitoring of glucose along with other
critical ICU-relevant biomarkers is of utmost importance for
the survival of critically ill ICU patients.

In this paper, we provide a sensor architecture for in-vivo
continuous biomarker monitoring in blood and establish its
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proof-of-concept by detecting glucose. However, the approach
applies to any other critical ICU/CCU biomarkers. Although
there exist numerous glucose sensors (invasive, noninvasive,
and minimally invasive), which can be broadly categorized
as amperometric sensors, single-use with costly enzyme-based
strips, or optical sensors (employing absorption spectroscopy,
light scattering, or Raman spectroscopy), most of these cannot
be used for continuous in-vivo monitoring in the blood due to
fouling and interference caused by blood cells on the sensor
surface, and the commonly used static sensor calibration is
incapable of compensating for such fouling over time [14].
There exist low-fouling materials, e.g., poly(ethylene glycol)
(PEG), but they also have only limited non-fouling capabil-
ities in complex real-world media such as undiluted blood
plasma and serum and its derivatives; are susceptible to
oxidative damage over longer-term use; and are also difficult
to directly functionalize with biomolecules for biosensing
applications [15], [16]. Also, the wearable sensors integrated
with bio-needles for measuring glucose continuously in sweat
or other subcutaneous body fluids can lack a proper correlation
with the immediate blood glucose concentration.

Fiber-optic sensors enjoy unique advantage for in-vivo
monitoring in while blood, that those can be inserted through
patient’s catheter into the blood stream in ICU/CCU set-
ting, and while different types of gold nanoparticles coated
optical fiber-based glucose sensors are reported in the liter-
ature [17], [18], they are incapable of providing continuous
in-vivo monitoring of glucose for a prolonged period due to
fouling caused by the proteins, cells, and other interfering
molecules present in the blood.

In contrast to these previous works that mainly focus on
sensor design, our work advances the existing state-of-art
in in-vivo glucose sensor design by integrating the fiber-tip
sensor with a microdialysis probe for continuous glucose
monitoring in whole blood for a prolonged period: In our
sensing architecture, we have proposed the integration of a
microdialysis (D) probe with 20kDa membrane molecular
weight cutoff (MWCO) to prevent the sensor from coming
in direct contact with the larger blood molecules and thereby
reduce its fouling. Integration of the microdialysis probe not
only protects the sensor from fouling but also enables easy
access to whole blood for continuous monitoring in an existing
ICU/CCU setup: The functionalized opto-chemical fiber sen-
sor can be inserted inside a microdialysis probe, and the entire
assembly can be inserted through a patient’s catheter that is
already furnished in an ICU/CCU setup, thereby avoiding any
extra logistic or overheads. We have established this proof-of-
concept by doing live experiments in a live rat as narrated in
the subsequent sections.

The main novelties of our work are:

« nano-sensing footprint of the fiber optic cable that makes
it amenable for insertion into the bloodstream through
a catheter for in-vivo monitoring in critical care setting
without any extra logistics, and

« integration of the fiber-tip sensor with a microdialysis
probe that allows continuous in-vivo monitoring in whole
blood for a prolonged period. We have demonstrated a

proof of concept by testing the integrated sensing system
in a live rat, mimicking the ICU/CCU setup.

Summarily, the paper provides these contributions:

o Detailed fabrication process for the opto-chemical fiber
optic sensor.

o Measurements exploiting localized surface plasmon res-
onance of the sensor and evaluation of sensitivity, LOD
of the sensor.

« Anintegrated micro dialysis probe based in-vivo measure-
ment for continuous glucose monitoring in living rats.

o Performance comparison of the proposed sensor against
the continuous glucose monitoring sensors reported in the
literature.

[I. PLASMONIC SENSOR WORKING PRINCIPLE

This section describes the working mechanism of the gold
nanoparticle-coated optical fiber sensor probe. Given that an
in-vivo detection requires a reflected (as opposed to transmit-
ted) signal for measurement, the sensor is made on the far
distal end of a fused bifurcated fiber (see Fig 1) that can
be inserted through a catheter into the bloodstream. Gold
nanoparticles (AuNP) are deposited as shown in Fig 1 (in the
form of red dots) to provide for localized surface plasmon
resonance (LSPR). Light guided through the optical fiber
interacts with the AuNPs at the far distal end of the fiber and
excites the surface plasmons (valence bonded electrons). At the
LSPR wavelength, the incident light has maximum absorption
(equivalently, minimum reflected intensity). The LSPR wave-
length depends on the AuNP characteristics (material, size,
shape, refractive index (RI)), and RI of the local surrounding
medium—This is formalized below in Section II-A. Accord-
ingly, a change in local surrounding medium RI results in
a shift in resonance wavelength and also a change in the
absorption level (and so also the reflected intensity level)
at the original resonance wavelength. We propose to mea-
sure intensity variations as opposed to resonance wavelength
shifts because the sensors basd on localized surface plasmon
have been reported to have reduced sensitivity in wavelength
modulation configuration and hence the intensity modulation
configuration is preferred [19]. For the specific detection of
glucose molecules, the AuNP coated fiber is functionalized
with glucose oxidase (GOx) enzyme (see the yellow Y’s in
Fig 1). During the glucose detection on the AuNP surface,
the glucose trapped within the immobilized GOx enzyme gets
oxidized by enzymatic reaction, producing gluconic acid and
hydrogen peroxide as the products (see the dark and light blue
dots in Fig 1) and changing the local surrounding medium
RI. The effect of this on the refractive index change is then
detected as an intensity change at the LSPR wavelength [17].

A. Theoretical Formulation of the Sensing Mechanism
The proposed fiber optic-based LSPR sensor system com-
prises three layers:
« Fiber core made up of silica (SiO;) of refractive index,
say 1o-
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Fig. 1.

o Metallic (Au) nanoparticle layer, whose real part of
dielectric constant €, is given by (1) [20]:

)\2
@=1-25 (1)
Ap
where ), is the plasma wavelength of the electrons in
the metal nanoparticle layer, and A is the wavelength of
the incident light.

« Target sensing layer, whose dielectric constant and refrac-
tive index are denoted €; and n,, respectively. (In this
paper, the target sensing layer consists of GOx at its base

that traps and oxidizes glucose.)

Fundamentally, surface plasmon resonance (SPR) is the oscil-
lation resonance of the valence electrons in metal layers
induced by incident radiation of an appropriate frequency.
When this phenomenon is observed in nanoscale parti-
cles/layers, it is called localized surface plasmon resonance
(LSPR). The mathematical formulation of the resonance con-
dition and an expression for LSPR wavelength are presented
next.

B. Resonance Condition

The wave incident at the core and metallic nanoparticle
layer interface can undergo extinction (E), transmission (T),
and reflection (R). Since, in our optical fiber design, the light
gets totally internally reflected at its far end, there is no
transmission component, i.e., a part of the wave gets extinct
due to the absorption and scattering by the nanoparticles, and
the rest gets reflected for measurements. Thereby the reflected
spectrum shows a dip at a wavelength where the extinction is
maximum due to LSPR. For very small particles of diameters
(d) less than wavelength of incident light, the scattered fields
produced by a plane wave incident on a homogeneous con-
ducting sphere (AuNPs in our case) results in the following
extinction, scattering, and absorption components, given by
(3), (2), and (4) respectively [21], [22]:

2 +00
Eex/ = # > @L + DIRe(ar +bo)), o)
L=1

+00

21
Esca = 03 > QL+ Dllacl* + b, 3)
L=1
Eabs = Eext - Esca’ (4)

where k is the incident wave-vector, L values are integers
representing the dipole, quadrupole, and higher multipoles of
the scattering, and finally, a; and b; are composed of the
Riccati-Bessel functions [22]. In case of spherical AuNPs,
L =1, and the ay and by, values for L = 1, as approximated
from power series, are given by (5):

(kd)3 (—ie? — €65 + 366, — i€l + ize?)
ay = ’

12 (€r +2€5)% + ()2
b1 =0, (5)

where € = €, +ie€;, with €, being the real part and ¢; being the
imaginary part of the metallic nanoparticle dielectric function,
and €, is the dielectric constant of the surrounding medium.
Substituting (5) into (2) and retaining only the L = 1 term
yields (6):

3
_ 3rnd3e? €
T2 (6 26 + €2

Similarly, E., can be evaluated by substituting (5) into
(3). The extinction in (6) is maximized when the denominator
is minimized, and that condition is met when ¢, = —2¢;
assuming ¢€; is small or only weakly dependent on the wave-
length of the incident light. This explains the dependence
of the LSPR absorption peak on the surrounding environ-
ment. Substituting €, = —2¢; (resonance condition) and
€ = nf in (1), we obtain the expression for the LSPR

wavelength (7):
ALSPR = Apy/202 + 1. )

[1l. SENSOR FABRICATION AND FUNCTIONALIZATION

This section narrates the detailed steps to fabricate the fiber
optic-based LSPR sensor probe. There are three basic steps to
the fabrication as follows:

(6)

1) Preparation of ~10 nm radius
nanoparticles.

2) Immobilization of the nanoparticles on the fiber surface.

3) Functionalization of glucose oxidase on the immobilized

nanoparticles.

spherical gold

These steps are also depicted in Fig. 2. The integration of the
sensor with a uD probe is discussed in Section IV-B.

A. Synthesis of ~10 nm Radius Gold Nanoparticles

1 mM and 38.8 mM aqueous solutions of HAuCly and
trisodium citrate were prepared, respectively. 10 mg of
HAuCly.3H,0 was mixed in 50 ml of DI water, and 500 mg
of Sodium Citrate was mixed in 50 ml of DI Water. 20 ml
of aqueous solutions of HAuCly was poured into a beaker
at 200° C and constantly stirred at 500 rpm. As soon as
the boiling started, trisodium citrate solution was added such
that the volume ratio of the two solutions was HAuCly : cit-
rate = 10 : 1. (The size of the gold nanoparticles can be
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Fig. 2. Sensor fabrication steps. (a)-(c) lllustrate the process of AuNP attachment on the sensor surface; (d)-(e) lllustrate the GOx functionalization

on AuNPs by amine linker.

modulated by changing the molar ratio of HAuCly to trisodium
citrate. Typically, AuNPs between 10 nm and 150 nm radii
can be synthesized by adjusting the molar ratio, and the
chosen ratio was to attain the desired 10 nm size.) A
violet-colored liquid appeared quickly, transforming to a bright
red after 30 minutes of boiling and stirring when HAuCly
was reduced by trisodium citrate. After that we stopped the
boiling and stirred the solution until it was brought to room
temperature (approximately 30 minutes) and gold nanoparti-
cles thus formed was stored at room temperature until use.
A detailed study has been presented in [23], which is what we
adopted.

B. Fabrication of the Nanoparticle-Coated Sensor on the
Far Distal End of the Fiber

First, the external polymer jacket of the fiber at its tip
was removed using a fiber optic stripper. Next, approximately
3-4 cm of the cladding of a multimode fiber was removed
from its far distal end using an acetone-soaked Kimwipe by a
multi-step stripping procedure dipping the fiber into acetone
for 20 min. The cladding part starts to dissolve in acetone,
making the stripping of the cladding easier. The distal end
of a multi-mode fiber (with a core diameter of 200 wm) was
cut with a fiber cutter to create a flat tip. The unclad sensing
area was next cleaned and hydrolyzed with Piranha solution
(volume ratio of HySOy4 : HyOy = 7 : 3) for 30 min at 85° C
which provided -OH groups on the fiber surface as shown in
Fig. 2(a). Next, the sensing region of the optical fiber was
rinsed with DI water, blow-dried with Ny, and annealed in
a vacuum oven for 30 min at 110° C then immersed in a
10% solution of 3-aminopropyl trimethoxysilane (APTMS) in
methanol for 1 hr. at 40° C, which provided a monolayer of
-NH; groups on the fiber surface as illustrated in Fig. 2(b).
The fiber was next rinsed sequentially with ethanol and DI
water to remove unbound APTMS, blow-dried with N», and
again annealed in a vacuum oven for 30 min at 110° C.
The sensing region was then incubated in a gold nanoparticle
solution overnight. Afterwards, the fiber was washed with DI
water to get rid of any unbound nanoparticles and dipped back

in the nanoparticle solution for 12 hours to ensure effective
attachment of the nanoparticles on the fiber surface, as seen
in Fig. 2(c).

Note while ~10 nm sized AuNPs predominately occur
during the above-described synthesis process of Section III-A,
there may still exist AuNPs of smaller radii, which hardly
contribute to LSPR. Hence, even after the AuNP attachment
on the fiber surface, there is a possibility of improved LSPR
signal by in-situ growth of the smaller AuNPs using, for
example, a process described in [24] and [25]. In that case,
the fiber needs to be immersed in 1 mM sodium citrate
dehydrate aqueous solution for 5 min, where the citrate ions
help accumulate the AuNPs, thereby facilitating the growth
of the smaller radius AuNPs. Note this is an optional step
that can be employed in case the LSPR signal of the designed
probe turns out to be low.

C. Sensor Functionalization

To attach the glucose oxidase enzyme to the sensor surface,
first a 20 uM solution of glucose oxidase in 0.1 M sodium
phosphate buffer (6.8 pH) was prepared and kept at 4° C.
30 mg sodium metaperiodate was added and mixed continu-
ously for 1 hour in an ice bath made in a Styrofoam cup (rather
than with a conventional immersion cooler system) to maintain
the reaction temperature at 0° C. 6.97 ul of ethylene glycol
was added to stop the reaction and it was followed by vigorous
30 minutes stirring. To attach the glucose oxidase enzyme
to the sensor surface, the fiber optic sensor was first dipped
in a I mM aqueous solution of cystamine dihydrochloride
for 1 hr. This created a monolayer of amine groups on
the nanoparticle-coated fiber as depicted in Fig. 2(d). The
probe was then immersed in a glucose oxidase solution for
12 hrs, allowing the modified glucose oxidase to bind to the
-NH, groups. After rinsing the fiber probes with DI water
to discard any unbound species, they were incubated in the
glucose oxidase solution for 12 hrs. This ensured effective
binding of the glucose oxidase to the nanoparticles on the
fiber probe as depicted by Fig. 2(e).

Authorized licensed use limited to: lowa State University Library. Downloaded on March 19,2024 at 01:40:23 UTC from IEEE Xplore. Restrictions apply.



KUNDU et al.: PLASMONIC OPTICAL FIBER BASED CONTINUOUS IN-VIVO GLUCOSE MONITORING 161

-

a.u.)

i

06
05
04
03
0.2
01

Q
489 514 539 564 589 614 639 664 689

Wavelength (nm)

Absorbance

Fig. 3. Absorbance spectrum of AuNP of average diameter between
10 and 20 nm and maximum absorbance at 514 nm. Inset shows the
corresponding gold nanoparticles.
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\

Fig. 4. Experimental setup at ESSeNCE Lab, ISU. (a) lllustrates the
light source and detector along with the fused fiber with the fabricated
sensor at its far distal end. (b) Glucose measurement setup in flow cell.
(c) lllustrates the SEM image of the gold nanoparticles after attaching
them on the optical fiber surface.

IV. LSPR CHARACTERIZATION AND
EXPERIMENTAL VALIDATION

After fabricating a gold nanoparticle (AuNP)-coated optical
fiber sensor probe for in-vivo glucose detection in blood, the
AuNPs were characterized using a UV-VIS spectrophotometer
by observing the absorption spectrum as shown in Fig. 3. The
peak absorption was observed at 514 nm, which confirms that
the nanoparticles have an average diameter between 10 nm
to 20 nm, in accordance with the fabrication process and
the underlying theory [26]. The scanning electron micro-
scope image in the inset of Fig. 4(c) further confirms the
successful attachment of AuNPs to the fiber surface (using
(3)-aminopropyl)trimethoxysilane linkers).

A. Glucose Monitoring Validation in Buffer Solution

Fig. 4(a) depicts the optical sensor’s experimental validation
setup, consisting of a broadband white light source, an optical
detector (range 400 nm to 750 nm), and a 2 x 1 fused optical
fiber. The light source illuminates the sensing element of
approximately 4 cm length toward the far distal end of the
optical fiber. Light reflected off the element is detected by the
detector, and its spectrum is recorded. The response of the sen-
sor to glucose was independently validated before its in-vivo
use by employing a flow cell around the sensing element
(shown in Fig. 4(b)) through which distilled water-based solu-
tions of various glucose concentrations (within 0-250 mg/dL
range) were passed, and the corresponding reflection spectra
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Fig. 5. (a) Reflection spectrum in static glucose solution. (b) Calibration
curve in static glucose solution. (c) Reflection spectrum in flow cell
(d) Calibration curve in a flow cell.

were recorded as shown in Fig. 5 (the plots of the figure are
discussed in Section V-A.)

B. Continuous Glucose Monitoring in Live Rats

Figure 6 shows the experimental setup for CGM in a
live rat, along with the schematics of a bypass circuit to
flow the blood through the sensor. To prevent the opti-
cal sensor from fouling secondary to sample deposition
and coagulation, the sensor was inserted into a uD probe
(MWCO 20kDa), chosen in accordance with and higher
than the molecular weight of glucose. With the use of a
uD probe with MWCO 20kDa, all bigger molecules hav-
ing sizes higher than 20kDa get filtered, thereby prevent-
ing the fouling of the sensor probe and also reducing the
non-specific bindings to a great extent, and eventually helping
in enhancing the longevity, sensitivity, and specificity of the
Sensor.

There are seven main “points” of the by-pass circuit as
labeled alphabetically in the schematic diagram of Figure 6.
Point A depicts blood flow from the rat’s right jugular vein into
the surgically set bypass circuit. Point B is periodically opened
and closed to sample blood from the bypass circuit to obtain
the reference values of the blood glucose concentration from
a commercial glucometer. At Point C, a 3-way T-junction is
placed to reroute the blood back into the rat, and the D probe
is placed at this junction, as shown in the figure to allow only
the blood components less than 20kDa to pass through the uD
membrane while blocking the larger ones. Point D is an inlet
made available for occasional washing of the external surface
of the uD to remove any blood debris clinging onto the probe
surface. At point E, the blood flows back into the jugular vein
of the rat, thereby completing the bypass loop. The uD probe
has one inlet (Point F) and one outlet (Point G). The inlet Point
F is fed with heparin as a perfusion fluid, which prevents blood
from clotting at the interface of the D membrane, through
which the glucose molecules percolate into the D probe. The
heparin solution, which has zero initial glucose concentration,
creates a concentration gradient at the blood-micro dialysis
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Fig. 6. Experimental Setup for continuous glucose monitoring (CGM) on a live rat.

membrane interface, which helps in the movement of glucose
molecules from higher concentration (in the blood) to lower
concentration (in heparin) across the membrane. Thus, the
exiting heparin distillate contains glucose molecules which we
detect at the outlet of the uD probe using our proposed optical
fiber-based LSPR sensor.

During the measurement, the blood glucose level (BGL) was
adjusted in the rat by managing the insulin and the glucose
infusion rates via the right jugular catheter. For a normal rat
with insulin flow at 2.5 mU/min/kg, we observed that a typical
glucose infusion rate of about 55-60 mg/kg/min is needed to
maintain the BGL steady at its initial value.

C. Instruments and Reagent Sources

For the measurements, a quartz halogen lamp which is a
white light source of power 150-watt (Luxtec Fiber Optics,
Plainsboro, NJ) was connected to 1 x 2 Multimode Fiber
Optic Coupler, High OH, @200 pum Core, 0.39 NA, 50:50
Split, FC/PC. The reflected light from the fiber optic sensor tip
was measured by a UV/VIS spectrometer (USB-4000, Ocean
Optics) that is connected to the other end of the optical coupler.
Syringe pumps were used to inject the glucose solution into the
flow cell for experiments in buffer solution and for injecting
the perfusion fluid through the inlets of the uD probe. HAuCly,
tri-sodium citrate, 3-aminopropyl trimethoxysilane (APTMS),
sodium metaperiodate, GOx and cystamine dihydrochloride
were procured from Sigma-Aldrich. Sulfuric acid, hydrogen
peroxide, methanol and DI water were obtained from Chem-
store, ISU. Mouse blood was procured from Biochemmed,
Winchester, VA.

V. RESULTS AND DISCUSSIONS

To establish a proof-of-concept, we studied the behavior of
the proposed sensor architecture for in-vitro (in flowing buffer
solution) as well as in-vivo (in live rat) glucose detection. This
section discusses the corresponding measurement results.

A. Sensor Characterization in Buffer Solution

The measurement results were obtained at the ESSeNCE
Lab., ISU, where we tested the performance of the sensor in
three different settings: (i) static glucose solution, (ii) in a
flow cell with PBS buffered glucose solution, (iii) in mouse
blood. A post-meal blood glucose level in a non-diabetic,
should be < 180 mg/dl, and a pre-meal glucose level can
range from 90 to 130 mg/dl. Hence, we tested for a concen-
tration range of 0-250 mg/dl. The results in Figure 5(a)-(b)
correspond to the measurements of dipping the sensing tip
into still solutions of glucose. We observed sensitivity of
0.05 a.u./mg.dl~! at glucose concentrations of 0 to 100 mg/dl,
and 0.003 a.u./mg.dl~! at glucose concentrations of 100 to
250 mg/dl.

Fig. 4(b) illustrates a flow cell setup that we used to take
readings of glucose in a flowing buffer solution. Fig. 5(c)-(d)
depicts the performance of the fiber optic sensor in the
flow cell, which shows nearly the same sensitivity both
at lower and higher glucose concentrations. (Sensitivity of
0.06 a.u./mg.dl~' was obtained at lower concentration of
glucose between 0 to 100 mg/dl, and of 0.004 a.u./mg.dl~! at
higher concentration of glucose between 100 to 250 mg/dl.)

Since, in a real ICU/CCU scenario, glucose concentrations
have to be measured in whole blood, we studied our sensor’s
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Fig. 7. Sensor performance comparison in PBS buffer vs. mouse blood.

sensitivity and LOD in mouse blood to imitate the behavior of
the sensor’s response in the presence of blood debris. Fig. 7
depicts that response, and although there is an expected reduc-
tion in sensitivity and LOD in blood solution compared to the
case of PBS buffer solution, the sensor remains capable of
detecting a very low glucose concentration in blood samples.
The LOD of the sensor in the blood sample is 15.3 mg/dl,
which, although higher than the 2.59 mg/dl level of LOD in
the PBS buffer solution, is still well below the normal lower
limit of glucose concentration in a human being.

B. Sensor Characterization in Blood From Live Rats

The results obtained in the live rat model are reported in this
section. The experimental environment is set by establishing a
stable insulin infusion rate via a right jugular venous catheter,
aiming to reach a steady state of plasma insulin. At the same
time, to maintain stable blood glycemia at the desired level,
we infused 50% glucose via the same catheter placed in the
rat’s right jugular vein at various variable flow rates. For a
normal rat with insulin flow at 2.5 mU/min/kg, we typically
needed glucose infusion rates of about 55-60 mg/kg/min.
We performed this dyad of insulin and glucose infusion to
regulate the blood glucose level of the rat to imitate the blood
glucose range of 80 to 250 mg/dl as in the case of a human.
This helped us to test our sensor in a similar setting which
may prevail in an ICU. During the assay, we also manually
collected blood for measuring glucose using a glucometer to
independently obtain data for the sensor calibration. Fig. 8
depicts the entire response spectrum of the fiber optic sensor
at different glucose concentrations.

For a stability and repeatability study, the measured spectra
at different glucose concentrations (between 100 to 315 mg/dl)
are illustrated in Fig. 9 for three different sensors. Based on
the shift in intensity values at different glucose concentrations,
calibration curves, chosen to be monotonically increasing
functions (to guarantee 1-1 mapping essential for calibration),
are fitted for all three sensors. The fitted curve for sensorl
is given by: y = 37.73 4+ 0.03769x with R> = 0.77; for
sensor2 it is given by y = 40.57 4+ 0.03357x with R?> =
0.81; and for sensor3 is given by: y = 39.35 + 0.03497x
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Fig. 8. Raw reflection spectra for different glucose concentrations.
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Fig. 9. Stability and repeatability analysis.

with R? = 0.74. The sensitivities of all three sensors are
comparable as it varies between 0.033 to 0.037. A combined
calibration curve is derived from the three individual sensor
curves as shown in Fig. 10 and is given by y = 39.298 +
0.0354x with R?> = 0.7989. This corresponds to an overall
sensitivity of 0.0354 a.u./mg.dl~!, using which, the limit-of-

. . . _ _3xSD __ 3x0.600513 __
detection is determined to be, LOD = Sensitviy —  0.0354 =

50.89 mg/dl. The coefficient of variation (C.V.) at different
glucose concentrations is given in Table I, and found to be
less than 2.5% on average.

Fig. 12 depicts the sensor response over 2 hrs when the
glucose concentration was varied dynamically (red dots and
the fitted red curve) and the resulting reflection% was captured
(blue dots and the fitted blue curve). From the two curves, it is
clear that the sensor responded linearly as expected from its
linear calibration curve of Figure 10. The sensor response is
nearly real-time with a small delay of only about 2 min on
average, as opposed to a lab test for certain biomarkers that can
be time-consuming, making it non-real-time. The sensor delay
is due to the time taken for the glucose to profuse through
the microdialysis membrane and for its oxidation to occur.
Through rigorous experiments, we observed that the sensor
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TABLE |
COEFFICIENT OF VARIATION (C.V.) AT DIFFERENT GLUCOSE CONCENTRATIONS

Glucose

Conc. (mg/dl) 100 104 133 143 152 157 170 171

172 176 184 | 213 | 255 | 261 265 | 267 | 290 | 298 | 315

Coeff. of Variance

V) 278 | 295 | 448 | 328 | 1.94 | 271 | 1.99 | 1.63 | 2.31 | 3.86 | 2.01 | 3.01 | 129 | 077 | 197 | 271 | 268 | 1.88 | 2.68
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Fig. 11.  Sensor calibration curve when glucose spiked DI water was
flown over the sensor in an ICU/CCU mimic setup.

response delay can be reduced by pre-soaking the sensor
in a buffered glucose solution prior to using it. Similarly,
the delay incurred in profusion can be reduced by using a
higher-quality microdialysis probe. The R-squared value of
the sensor in whole blood of 0.79 as depicted in Figure 10
lies within the 0.75-0.9 range, indicating that the sensor data
is of good quality and is reliable [27]. Also, we only used
simple-minded static calibration for this study, whereas with
a more sophisticated dynamic calibration, the R-squared value
is expected to be higher, and the development of dynamic
calibration is part of our ongoing study [28]. Indeed to validate
that there is room for better fit through a more sophisticated
calibration, we evaluated the sensor’s nascent performance by
fabricating and testing identical sensors, where the ICU setup
circuit was mimicked by using a set of syringe pumps, and
glucose spiked D.I. water of varying concentrations was flown
over the sensor for measurements. The resulting calibration
curve of Fig.11 depicts the R-squared value of 0.92, with

Fig. 12.  Sensor dynamics for in-vivo continuous glucose monitoring:
glucose profile (top) vs. sensor response (bottom).

low error bars. Also, another direction of sensor quality
enhancement is by improving the quality of the microdialysis
to filter out molecules with even lower molecular weights than
the current 20kDa, which again is a topic of further study,
inspired by the success of the proof-of-concept of the current
design.

VI. PERFORMANCE COMPARISON

We compared the overall performance, merits, and complex-
ity of the proposed sensor architecture with the existing state-
of-the-art fiber optic glucose sensors, as shown in Table-II.
The proposed sensor was tested for glucose concentrations
ranging between 90 and 315 mg/dl in whole blood. The
sensor’s calculated limit-of-detection (LOD) is 50.89 mg/dl,
meaning it can cover the glucose concentration range found
in human blood (i.e., between 50 to 315 mg/dl), which
bolsters the utility of the sensor for use in humans. There
exist other sensors with larger range or higher sensitivity,
but except for one, none are capable of in-vivo monitoring;
plus, our sensor has an advantage over others due to the
integration of uD probe, providing a prolonged period of
in-vivo continuous measurement (~2 hrs.) without requiring
any extra processing steps such as separation of plasma or
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TABLE Il
PERFORMANCE COMPARISON
Sensor type Measurement Sensitivity (a.u./mg.dl—1) Measurement Analyte References
yp range (mg/dl) y (a.u/mg. Type y
MM Microfiber . SA buffer, horse,
with APTES 0-300 0.0174 In vitro and calf serum (29]
Graphene Oxide .
modified TFG 0-144 0.24 In vitro DI Water [30]
Nafion and Enzyme | 56 514, 108 069 0.022 In vivo Whole Blood [31]
coated electrode
Enzyme based . Interstitial Fluids,
needle electrode 70-420 3.10 In virro Fish blood (32]
F‘bvevritglf\t,}giPR 0-500 0.854 In vitro SA buffer [33]
Fiber Optic SPR 0-400 3.10 In vitro DI Water, Urine [34]
and enzyme
Back-scattered MIR 80-160 not reported In vivo Skin 1nt§rst1t1al 35]
spectroscopy fluid
Transmission MIR 75-600 not reported In vivo Trans-cutaneous [36]
spectroscopy
LSPR with APTMS and . . PBS Buffer and .
Glucose Oxidase 90-315 0.0354 In vitro, In vivo Whole Blood This work

serum, thereby reducing it’s complexity. Most other continuous
monitoring sensors reported in the literature do not measure
glucose directly in blood and thus require extrapolation to
correlate the blood glucose with that in the tissue fluid, making
those not fully accurate or real-time. Further, in our design,
the fabrication steps are relatively simpler, mostly involving
standard chemical processing without the need for complex
deposition techniques or equipment.

VIlI. CONCLUSION

In summary, this paper presents an LSPR-based fiber optic
opto-chemical sensor for continuous glucose monitoring in
whole blood for 2 hrs. of unimpeded operation. The work
reported a sensor architecture integrating a micro-dialysis
probe for preventing the fouling of the sensor surface in
the operational period, and minimizing non-specific signal
output, thereby improving accuracy and offering better SNR.
The designed sensor architecture was validated in buffer as
well as in an animal model, producing a proof-of-concept
for future development of fiber optic multiplexed sensors,
targeting multiple biomarkers in whole blood for continuous
monitoring in ICU/CCU settings. The good repeatability of the
sensor demonstrates the robustness of the proposed design for
prolonged continuous biomolecular detection directly in whole
blood. The proposed methodology involves the detection of
variations in intensity in the visible light range, allowing
integration of an inexpensive source and detector to make
a portable, cost-effective point-of-care detector for biomarker
continuous tracking in real-time, making the design amenable
to scaling for mass production.

While the integration of uD probe prolongs the life of
the sensor by blocking the deposition of larger blood-borne
molecules on the sensor surface, smaller blood-borne
molecules can still slowly deposit on the sensor probe, causing
its response to drift slowly over time. To further prolong the

sensor life for continuous monitoring applications, a sensor
re-calibration will be required, that may interfere with the
ability to do continuous monitoring [37], [38]. This situation
can be addressed by developing a generalized time-dependent
calibration model capable of also correcting for any time drift
in sensor response. We refer to such an approach as “dynamic
calibration”, where not just the current sensor response but
also its historic readings are used for adjusting the calibration.
The details of its mathematical formulation are reported in our
paper [28], where we have proposed a Bayesian framework
for dynamic calibration of sensors using the history of sensor
measurements and the observed ground truth data.
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