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Abstract

Background:
The growing pandemic of diabetes mellitus places a stringent social and economic burden on the society.  
A tight glycemic control circumvents the detrimental effects, but the prerogative is the development of new 
more effective tools capable of longterm tracking of blood glucose (BG) in vivo. Such discontinuous sensor 
technologies will benefit from an unprecedented marked potential as well as reducing the current life 
expectancy gap of eight years as part of a therapeutic regime.

Method:
A sensor technology based on osmotic pressure incorporates a reversible competitive affinity assay performing 
glucose-specific recognition. An absolute change in particles generates a pressure that is proportional to the 
glucose concentration. An integrated pressure transducer and components developed from the silicon micro- and 
nanofabrication industry translate this pressure into BG data.

Results:
An in vitro model based on a 3.6 × 8.7 mm large pill-shaped implant is equipped with a nanoporous membrane 
holding 4–6 nm large pores. The affinity assay offers a dynamic range of 36–720 mg/dl with a resolution of  
±16 mg/dl. An integrated 1 × 1 mm2 large control chip samples the sensor signals for data processing and 
transmission back to the reader at a total power consumption of 76 µW.

continued 
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Introduction

The onset of the enzyme sensor revolutionized the 
metabolic control of blood glucose (BG), which previously 
relied on qualitative urinary blood measurements1 or 
reflectance meters confined to hospitals.2 Clark and 
Lyons’ near 50-year-old sensor technology3 enabled the 
development of portable blood glucose meters (BGM) 
in which immobilized glucose-specific enzymes interact 
with electrochemical transducers on a disposable 
sensor strip. Current detection of BG relies on the 
same fundamental technology that suffers from limited 
temperature tolerance,4 oxygen dependency,5 co-existing 
electroactive compounds,6–8 mass transport control,9 
degradation of enzyme activity,10 electrode fouling,11 
altitude sensitivity,12 and changing hematocrit level.13 
Although remedies have been sought to rectify parts of  
the challenges mentioned earlier,14,15 the current accuracy 
of BGMs suffers from a poor performance span of  
±5–15%16,17 with 1 in 10 results deviating from the current 
International Organization for Standardization (ISO) norm.18 
Standard protocols sampling blood from the fingertip 
provide an incomplete picture of the BG related to the 
number of samplings performed.

Alternative technologies seek to develop indirect pain-
free methods ex vivo that bypass the sampling of blood. 
The most potent optical measurements are based on the 
adsorption of infrared light,19–21 Raman spectroscopy,22 
polarimetry,23 fluorescence particles,24 synthetic films,25 and 
optical coherence tomography.26 Skin autofluorescence 
tracks the contents of advanced glycation endproducts 
in skin and is used to detect diabetes.27 Impedance 
spectroscopy measures changes in the electrical resistance 
in the skin as a function of glucose,28 whereas iontophoresis 
performs transdermal sampling of glucose by the aid 
of an electrical current.29–30 The ex vivo methods suffer 
from poor accuracies, individual turbidity variations,  
pH sensitivity, errors due to motion, moisture, temperature, 

blood pressure, pulse, and volumetric changes due to 
osmosis. Implantable sensors based on infrared light,31 
fluorescent detection signals,32,33 or viscosity34,35 present 
promising concepts by performing direct measurements  
in vivo. This is still a novel field and commercially viable 
devices have not been realized due to the challenges 
imposed on their optical detection methods36 or device 
complexity. In vivo-type measurements for continuous 
glucose monitoring (CGM) are currently based on 
transdermal cannulas connected to electrochemical sensors 
from an external reader.37,38 The lifetime is dependent on 
enzyme stability, and continuous use requires frequent 
daily recalibrations39 before it stops working after a 
few days.40 The combination of size, complexity, low 
sensitivity, and motion impairment does not permit  
long-term automatic continuous-surveillance devices to 
be made.

Osmotic BG-sensing represents a novel sensing technology 
that contrasts prior art by being inherently simple and 
extremely power-conservative—a prerogative enabling a 
sensor system with the aid of micro- and nanotechnology. 
It does not consume reagents or generate any (toxic) waste 
products that may perturb the accuracy and sensitivity of 
the measurement. Chemically inert materials secure long 
lifetimes for a module small enough for insertion under the 
skin without the aid of surgery, causing no disruption 
to active life from its portable and unobtrusive nature.

This article presents work on the implantable osmotic 
CGM device invented by Lifecare AS (Bergen, Norway) 
and their national and international research partners.41–43 
The results highlight efforts in developing ultrathin nano-
porous membranes, a sensor control system, an inductive  
power supply, and a reader; packaging the implant; and 
monitoring the immune system response based on a 
serum model. Initial tests showing the sensitivity toward 
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Conclusions:
Current studies have demonstrated the design, layout, and performance of a prototype osmotic sensor in vitro 
using an affinity assay solution for up to four weeks. The small physical size conforms to an injectable device, 
forming the basis of a conceptual monitor that offers a tight glycemic control of BG.
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changing glucose concentrations as well as stability with 
time will be shown.

Methods

CGM Design
Implant
The CGM consists of a microfabricated pill-shaped implant 
and an external reader. The materials are referred to in 
Table 1. The sensing principle of the implant is based 
on the macromolecular complex that is formed between 
lectin, concanavalin A (Con A), and dextran (a long-
chained polysaccharide) at low glucose concentrations. 
The Con A possesses an affinity toward glucose, and the 
equilibrium is perturbed by glucose binding to the lectin, 
triggering a dissociation of dextran that is proportional to 
the increase in glucose. The net particle change of free 
dextran gives rise to an osmotic pressure as a result from 
water diffusing down its own concentration gradient 
through a nanoporous (semipermeable) membrane that 
separates the affinity assay from the external environment 
(Equation 1):

P = iSciRT                        (1)

The pressure, P (bar), is expressed as the concentration 
of dissolved components; c (solute); adjusted for 
the van ’t Hoff factor, i; the universal gas constant, 
R  (0.08314 L·bar·mol-1·K-1); and absolute temperature, T. 
This process is reversible and the selectivity of the affinity 
assay makes the sensor less susceptible to interference 
from other metabolic agents such as lactate, amino acids, 
and triglycerides that are present in blood.

Reader
The data processing and presentation is performed by an 
external reader. The inductive powering and telemetry 
interface between the reader and the implant takes 
advantage of the magnetic component of the radiation 
spectrum that attenuates less in physiological media 
and secures a short transmission distance preventing 
eavesdropping by a third party. The implant resides as 
a passive device that is activated when a measurement 
is made, and will reside in subcutaneous adipose tissue 
within 7 mm of the skin surface.

Membrane
The in vitro prototype was based on anodic aluminum 
oxide (AAO) membranes of 1 µm film thickness offering a 
porosity of 15% and a pore size of 4–6 nm corresponding 
to a molecular weight cut-off (MWCO) of approximately  
50 kDa (Synkera Technologies Inc., Longmont, CO).  

This retained the affinity assay components (80–108 kDa), 
whereas glucose (180 Da) flowed freely through the 
membrane. Thin film silicon (Si) membranes targeting 
an improved porosity and reduced film thickness were 
designed in house, based on protocols from the Si 
microfabrication industry.

Test & Validation
All materials, chemicals, and reagents used were 
purchased from Sigma-Aldrich Inc. (St. Louis, MO) 
unless otherwise stated (Table 1). Con A type IV and 
dextran 80 were dissolved in 10 mM Trizma buffer 
at a concentration of 8% (3 mM) and 4% (0.5 mM) 
respectively. The buffer contained calcium chloride (CaCl2) 
and manganese chloride (MnCl2) (both 10 mM) used 
to activate the sugar-binding properties of Con A; 
sodium choloride (NaCl) (150 mM), which balanced 
out the osmotic pressure of the solution; and glucose 
(40 mM), which reduced the viscosity during mixing.
The solution was adjusted to pH 7.4 by administering  
sodium hydroxide (50 mM) at a rate of 10 ml/min with 
a peristaltic pump (Watson-Marlow, Wilmington, MA). 
Test solutions of glucose were then dissolved in 10 mM 
Trizma (containing 10 mM CaCl2, 10 mM MnCl2, and 
150 mM NaCl) at concentrations of 2, 5, 10, 20, 30, and 
40 mM (corresponding to 36, 90, 180, 360, 540, and 
720 mg/dl), and used to calibrate the affinity assay at 
ambient room temperature. Each measurement was 
performed over 24 hours, and repeated three times. 
Albumin (1 mM) was used to investigate the stability 
with time over a period of one week in order to 
pinpoint pressure variations with respect to confluence, 
temperature, and barometric pressure. The sensor was 
calibrated using an external pneumatic source.

The implant materials were subject to human serum 
studies in order to assess their biocompatible properties 
using the complement system as a model.44 The sample 
was incubated with human serum at 37 °C for 30 minutes. 
The plates (materials) were then washed with phosphate 
buffered saline with Tween 20 prior to measuring the 
deposition of C5b-9 terminal complement complex (TCC) 
on the surface of the materials. The specificity of TCC 
deposition on the material surface was estimated using 
an isotype control antibody, immunoglobulin G2a.

Results

CGM Design
Implant
The osmotic pressure sensor (Figure  1) is built into 
a carrier of low temperature cofired ceramic (LTCC) 
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Table 1.
Materials and Technical Data of the Continuous Glucose Monitor

Materials

Transducer 2 × 2 mm2, diff, 1 bar MS761, Intersema, CH

Membrane 2 × 2 mm2 SiO2/Si diea

AAO in prototypes
In-house thin film
Synkera Ltd., US

Carrier Type 951 LTCC

Sealant Type 353ND4 (epoxy)
3140 (silicone)

Epotek, US
Dow Corning, US

Encapsulation Araldite 2020 (epoxy) Huntsman, US

SMC capacitors Ceramic type 0402 Farnell, US

Diblock copolymer PS-P2VP a Polymer Standards, DE

Affinity assay
Con A type IV, C-2010
Dextran 80, O-0892
Trizma buffer, T-7693

Sigma-Aldrich, US
Sigma-Aldrich, US
Sigma-Aldrich, US

Albumin Bovine serum, A-9418 Sigma-Aldrich, US

Implant

Length × diameter 8.7 × 3.6 mm

Weight 0.15 g, buoyancy less than water

System controller 48 pad ASICa, 1 × 1 mm2, 90 nm STM CMOSa, 1.7 mW

Sensors (1) Osmotic pressure
(2) Temperature (integrated)

Membrane area 1 × 1 mm2

Chamber volume 0.72 ml

Maximum pressure 1 bar (1000 hPa) above ambient

Dynamic range 36–720 mg/dl (glucose)

Sensitivity 2.3 mg/dl

Resolution ±16 mg/dl

Time constant, t (63% of signal change) 40 minutes @ ~D 55 mg/dl (36–90 mg/dl)
2.5 hours @ ~D 685 mg/dl (36–720 mg/dl)

Antenna Spiral coil, 4 layer, 3 × 7.3 mm2, 1.22 mH, Q factor = 11

Communication Load modulated NFC

Power supply Inductive coupled, 76–625 mW, 2.5 VDC at 13.56 MHz

Power consumption 76 mW

Service lifetime 4 weeks

Reader

Transmission frequency 13.56 MHz

Transmission distance <7 mm

Power transfer efficiency 0.6% @ 7 mm

Power supply 3.2–4.5 VDC, 3 × SR/LR44, 175 mAh

Antenna Coil, 2 × 3 layer, 19 mm, 0.56 mH, Q factor = 22

Power consumption 1) 50–110.0 mW (transmission)
2) 10 mW (standby)

Sampling interval 5 seconds every 5 minutes

Battery lifetime 2 weeks

SiO2, silicon dioxide; PS-P2VP, polystyrene-block-poly(2-vinylpyridine); ASIC, application-specific integrated circuit; STM, STMicroelectronics; 
CMOS, complementary metal-oxide semiconductor; Q, quality; NFC, near field communication



886

Toward an Injectable Continuous Osmotic Glucose Sensor Johannessen

www.journalofdst.orgJ Diabetes Sci Technol Vol 4, Issue 4, July 2010

Figure 1. Computer-aided design depicting the architecture of the sensor implant (A). The sensor chip, incorporating a differential 
pressure transducer located at the front, followed by the ASIC (including temperature compensation) and components of the 
inductive powering and telemetry interface. The membrane and the inductive coil antenna are assembled on the reverse side. The whole 
unit is encapsulated in epoxy resin (Araldite 2020), with a filler channel enabling injection of the aqueous osmotic active solution  
prior to operation. (B) Assembled prototype carrier and capsule. An optional venting channel assisted filling in early versions.

consisting of 13 (90–130 µm thick) layers of a glass-
ceramic composite. Conductors and vias are screen printed 
onto individual layers with gold paste to form the 
electrical circuitry, prior to laser cutting or punching to 
form the desired microchannels and cavities. The layers 
are then stacked on top of each other and laminated at 
1200 psi prior to sintering at 850 °C for seven hours in a 
cofiring process. The 2 × 2 mm2 large pressure transducer 
is mounted face down by thermocompression flip-chip 
bonding (325 °C for 10 s, at 2.8 N) and sealed to the 
carrier with epoxy resin sealant (Epotek 353ND4) cured  
at 100 ºC for 10 minutes (Figure 2). Cavity extensions in 
all four corners of the recess assist the minute dispensing 
of sealant. Likewise, a 2 × 2 mm2 large membrane chip 
incorporating a nanoporous membrane of 1 × 1 mm2 
was attached face down on the reverse side and sealed to 
the carrier using the same sealant. The 0.5 mm deep 
and 1.2 × 1.2 mm2 large reference chamber was filled 

Figure 2. X-ray image of the pressure transducer attached face down 
on the LTCC by flip-chip thermocompression bonding, as seen from 
above (A) and at an angle (B). This inspection offers the only means 
to assess the quality of the bond by looking for open circuits and  
poor connections (visible as thin white lines).

with the affinity assay solution once the sensor assembly 
was completed. Access was made through an integrated 
80 × 80 µm2 microchannel, and liquid translocation 
was facilitated by vacuuming through the membrane.  
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Fluid access was permitted through a separate filler 
channel, subsequently sealed with a plug once the filling 
was completed. The application-specific integrated circuit 
(ASIC) that powered the sensor and sampled the signal 
for data processing was fabricated as a 48-pin 1 × 1 mm2 
large Si die following the STM 90-nm complementary  
metal oxide semiconductor process (STMicroelectronics, 
Geneva, Switzerland) (Figure 3) with circuits running 
in the subthreshold regime.44 Three 0.4 mm × 0.2 mm 
surface mount device capacitors were needed for the 
powering and telemetry interface. The antenna was 
integrated in the LTCC substrate from the reverse side 
as a four-layer spiral coil with a maximum extent of  
3 × 7.3 mm2, thus offering a self inductance of 1.22 µH 
and a Q (quality) factor of 11. The assembled device was 
encapsulated by a low-viscosity epoxy resin (Araldite 2020), 
which cured at room temperature for 48 hours to a hard 
chemically resistant polymer. The access and filler channels 
were drilled out after curing. Small polypropylene cups 
attached with 3140 silicone rubber protected the surface 
from the resin, and were subsequently removed after 
drilling. The completed implant measured 3.6 × 8.7 mm, 
weighted 0.15 g, and had a total power consumption of  
76 µW at 2.5 VDC.

Reader
The external reader incorporated the active end of a 
13.56 MHz powering and telemetry interface (transmitter)  
with a six-turn antenna of 19 mm diameter offering an 
inductance of 0.56 µH and a Q factor of 22. The transmitter 
powers the ASIC and the sensor, which in turn sends 
back a coded signal proportional to the osmotic pressure 
through a process known as load modulation. The reader 
calculates the osmotic pressure as a voltage signal and 
translates this data into the accompanying BG value.  
The induced field strength fades rapidly with the distance 
from the transmitter antenna. When the transmitter power 
level is matched to the power consumption of the implant 
at a distance of 7 mm, the induced field at 5 cm is  
0.25 A/m, which is 30 times lower than the maximum 
limit of ISO 14443 compliant radio-frequency identification 
devices. Equipped with a microcontroller, the reader can 
be shut down between the power transfer cycles and 
reactivated by a micropower timer (10 µW). The power 
transfer efficiency was measured to 0.6% at a distance of 
7 mm, whereas the attenuation in physiological media 
was 15%. The interference from near field communication 
mobile phones running at the same operating frequency 
was negligible if the distance to the implant was more  
than 10 cm. The readout was presented as a hexadecimal 
display with 256 increments (8 bit) offering a resolution 
of 2.3 mg/dl.

Figure 3. Layout plot of the 1 × 1 mm2 ASIC control chip (left), and the 
associated explanatory diagram (right). The sensor data was sampled 
and converted for transmission on a serial digital wireless link 
using a pulse density modulation. The low sampling rate (one per  
five minutes) combined with the low power allowance inspired the 
use of time domain encoding in which the intervals between digital 
signals were used to encode analog data without the need for a full 
analog to digital conversion.

Membrane
Membranes of 1 × 1 mm2 area, 100 nm thickness, equipped 
with pores of 5 nm (MWCO of 50 kDa), a pore density of 
40%, a pressure tolerance of 1 bar, and chemical inertness  
in physiological media,45 will reduce the current diffusion 
barrier by a factor of 100, yielding a subsequent 
decrease in the response time. The fabrication protocol 
has been described in prior art,46 realizing a thin film 
membrane of 30 nm silicon nitride clad on both side 
by 15 nm amorphous silicon (aSi). The 5 µm circular 
suspended membrane elements (6400 in total) were 
engineered to sustain a pressure of 10 bar (Figure 4A and 
4B), whereas the support beams would sustain a lower 
pressure. Visual inspection could thus discriminate a 
defect membrane from working ones, by permitting the  
1 × 1 mm2 structure to fail before the individual elements. 
The membrane was made porous (Figure 4C) by first 
depositing a 25 nm sacrificial layer of silicon dioxide (SiO2) 
prior to casting a mask layer of polystyrene-block-
poly(2-vinylpyridine) (PS-P2VP) diblock copolymer in  
a block ratio of 25 kDa PS and 27 kDa P2VP dissolved 
in m-xylene (0.5% w/w) at a spin speed of 5000 rpm. 
The resulting PS micelles were opened up with ethanol, 
and pores were etched into the SiO2 by a fluorine gas. 
Subsequent etching through the underlying thin film 
membrane with a chlorine gas removed the sacrificial 
SiO2 layer. Direct inspection through a transmission 
electron microscope visualized a tapered etching profile 
where the entry hole of 30 nm diameter reduced to an 
exit hole of approximately 15 nm (Figure 4D). The pores 
were shrunk further by oxidizing the two layers of  
aSi to SiO2 in a furnace at 850 °C for 60 minutes 
(Figure 4E and 4F). Recent work has demonstrated 
membranes down to the 5 nm level (Figure 4G).
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Figure 4. Scanning electron microscope image showing the membrane support structure (A) with 5 µm suspended (free standing) membrane 
elements (arrow). (B) Cross section of individual element (arrow) showing the porous nature of the membrane (C) visible through the indentations 
left on the nearby silicon shelf (arrow) due to the etching gas penetrating the membrane. Nanopore (D) visible through a transmission electron 
microscope. Pore shrinking protocol illustrating the oxidation of larger pores (E) triggering a size reduction of more than 50% (F), down to the 
current limit of 5 nm (G).
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Test & Validation
Performance was tested out on a discrete sensor with 
a direct communication link. Pneumatic calibration 
identified the relationship between applied pressure 
and the voltage signal [∫mBar(mV) = mV/14.42, R2 = 0.99]. 
The affinity assay displays an exponential rise in 
osmotic pressure as a function of glucose (Figure 5). 
The sensitivity decreases as the solutions become more 
saturated at increasing glucose concentrations, suggesting 
that the osmotic sensor should be particularly suitable 
to detect hypo- and hyperglycemic events (Figure 6). 
The noise band (6 s) of 20 mV determines the average 
resolution (±3 s) to ±16 mg/dl between 36 and 180 mg/dl. 
The absolute response time depends on the incremental 
concentration changes and ranged from 3 hours (D55 mg/dl)
to 12 hours (D685 mg/dl). The time constant t (63% of 
absolute signal) was measured to be 40 minutes and  
2.5 hours respectively. The current device would at best 
be able to detect an average level of the blood sugar,  
or trends predicting if the blood sugar is on the rise  
or decrease. This sensor is still very much a research 
object, and thus would need to be improved in order to 
detect the absolute glucose level at any given moment. 
Our target is a response time of 1 minute.

Investigations of the sensor drift circumvented the affinity 
assay by using albumin (65 kDa) of comparable size to 
Con A and dextran as a model compound (Figure 7). 
A small leakage was observed during the first 10 hours 
(Figure 7A) before the pressure stabilized to a steady 

drift of -0.13 mbar/h followed by a steady increase 
of 0.22 mbar/h thereafter. The differential nature of 
the pressure transducer made it impervious toward 
atmospheric pressure variations (Figure 7B) whereas 
on board electronics compensated for any temperature 
fluctuations (Figure 7C).

Serum studies (Figure 8) revealed that Araldite 2020 
exhibited a comparable response to the negative control 

Figure 5. Calibration curve showing the affinity assay response 
to changing glucose concentrations from 36 to 720 mg/dl (n = 3) at 
room temperature. The sensor was cycled between 40 mM – 2 mM – 
40 mM – 2 mM – 40 mM – 2 mM, in order to obtain three consecutive 
measurements, and where the 2 mM was consequently replaced 
with 10, 20, 30, and 40 mM in one continuous trial. The small error bars 
shows that any hysteresis effects are negligible. The corresponding 
osmotic pressure was calculated from sensor calibration using an 
external pneumatic source.

Figure 6. Sensor response (A) to changing glucose values within the 
normal physiological range spanning subhypoglycemia at 36 mg/dl, 
normal blood glucose of 90 mg/dl, to hyperglycemia at 180 mg/dl.  
The negative spikes associated with the transition from lower to 
higher glucose levels can be ascribed to the inherent diffusion barrier 
poised by the membrane delaying the permeation of glucose into the 
sensor. Temperature (B) was maintained at a stable ambient of 23.4 °C.

Figure 7. Sensor response (A) using albumin (1 mM) as a model 
compound over a period of one week. Following an exponential decay 
believed to be the loss of albumin through the sensor sealant, the 
signal maintains a steady drift (arrow 1) until halfway through the 
measurement period (arrow 2), followed by a positive drift until  
the end of the experiment. The drift can be ascribed to the minute 
diffusion of water into the epoxy resin used as the sealant of the 
pressure transducer, hence causing it to swell and thereby exerting 
pressure/strain on the transducer chip. The signal was impervious to 
ambient atmospheric pressure (B) and temperature variations (C).
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(NC) of PS. Two of the three membrane materials, Si and 
AAO, exhibited a more positive response than the NC 
(SiO2 comparable), suggesting that additional passivation 
may be required to prevent unwanted immunological 
reactions. The carrier materials of DuPont 951 (LTCC), 
exhibited a larger response than the NC, but will 
be masked by the encapsulation. The United States 
Pharmacopeia class IV tested Epotek 353ND4 exhibited 
a comparable response to the NC, whereas the silicone 
3140 had a lower response. No nonspecific complement 
activity was recorded.

the sensor through a 25G (0.5 mm) needle. Thus, the 
sensor output would be recorded at a lower pressure than 
the manometer reading. Using the 75 mbar signal from 
the albumin as a reference (1 mM computes to 24.6 mbar 
at 23.4 °C), the osmotic pressure of the affinity assay 
would reduce to 5.6 mbar, comparable to 50% of the 
available dextran (0.228 mM) being dissociated in 
the presence of 720 mg/dl glucose. Future work will 
enable direct hydrostatic pressure calibrations using 
noncompressible liquid media. The initial confluence of 
albumin was most likely a result of a leaky seal that 
with time (10+ hours) became clogged with albumin, 
preventing any further leakage.

Changes in the affinity assay response with time may 
explain the larger signal at 180 mg/dl glucose (Figure 6B)
compared to the calibration graph (Figure 5). The calibration 
commenced three weeks prior to sensor measurements, 
and further investigations will track the time-dependent 
drift of the affinity assay. The response time of more 
than three hours is chiefly ascribed to the diffusion 
barrier posed by the membrane, since the 0.5 mm deep 
reference chamber should equilibrate molecular species 
within two minutes (diffusion coefficient = 10-9 m2/s).47

Challenges imposed in solving the host response 
dynamics with synthetic implants have been the focus  
of considerable efforts due to the adverse inflammatory 
responses that are evident following implantation.48–50 
The initial study on complement activity corroborates 
this challenge (Figure 8), and future work will seek to 
narrow the application from challenges surrounding 
a general implant to key immune system interactions 
between the tissue and the membrane. The materials 
were chosen due to their inherent chemical stability 
that would resist harsh sterilization effects such as 
autoclaving, ethanol, or plasma radiation, as well as 
corrosion resistance in the body. This was our primary 
concern. Secondary was the choice of nonpoisonous 
materials that best implemented the functional needs of 
the sensor. If the materials chosen in a functional sensor 
cannot be replaced, then the natural step is to modify 
the surface of the material to better conform to a desired 
immune response. Experimental polymeric coatings51,52 
and the sustained release of antiinflammatory agents 
combined with tunable, stimuli-responsive materials53,54 
should act favorably in maintaining such a reduced 
inflammatory response. Cytotoxicity will be investigated 
using standard models.55,56 The small dimensions of the 
device will significantly reduce the trauma imposed at the 
implantation site and thereby promote the regeneration 
of damaged microvasculature reconstituting original 

Figure 8. TCC deposition (% of total) on the surface of material 
candidates of the CGM implant (n = 20). Three of the seven materials 
exhibited a larger response than the negative control (NC) suggesting 
that the immunological response would require modulation prior to 
implantation of these target materials. None of the materials exhibited 
a larger response than the heat-aggregated immunoglobulin G used  
as a positive control (PC). 

Discussion
Poor ventilation of reactants and (waste) products remains  
a challenge in developing thin film membranes with pores 
below 15 nm. A reduced etching rate in the pores triggers 
an increase in etching time that places a strain on the 
mask, which eventually breaks down and damages the 
membrane below. Premature termination of the etching 
process saves the membrane, at the expense of the pores 
not penetrating throughout. Future work will focus on 
inherently porous materials, as well as thinning down 
the existing AAO membranes.

The osmotic pressure generated by the albumin and 
the affinity assay was three times higher than the 
predicted values at an ambient temperature of 23.4 °C 
(Equation 1). Minute leakages in the sensor may result 
in a pressure drop through the narrow 1/16-inch 
polytetrafluoroethylene pneumatic tubes feeding air into  
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architecture without the formation (or the reduced formation)  
of scar tissue. This is an ongoing iterative process, and 
a thorough assessment of the biocompatible materials  
in vitro forms the basis of a full additional manuscript 
that cannot be incorporated into the present one.

Conclusions
Current studies have demonstrated the design, layout, 
and performance of the osmotic sensor in vitro using an 
affinity assay solution for up to four weeks. The observed 
drift in the affinity assay sensitivity and sensor signal 
with time will be assessed in order to improve device 
performance. Investigations on the immune system 
response suggest that surfaces of silicon and ceramic 
materials may require additional modifications to prevent 
adverse inflammatory responses in vivo. The small physical 
size conforms to a device that can be inserted under 
the skin by injection, and thereby forms the basis of a 
conceptual monitor offering a tight glycemic control of 
blood glucose.
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