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Abstract

The main objective of this thesis is to provide the design and fabrication aspects of an

osmotic pressure sensor for glucose sensing application.

First, we present the design and simulation of a SiO2 microbridge which measures the differ-

ential surface stress induced by the adsorption of molecules. Materials with smaller Young’s

modulus would be appropriate to measure the small variation of surface stress on the micro-

bridge and therefore SiO2 is chosen as the material for microbridge. The SiO2 microbridge may

be used for glucose detection if the enzyme glucose oxidase is immobilized on a top surface. The

mechanical behavior of the SiO2 microbridge and the electrical response of the piezoresistors

are analyzed using the FEM (Finite Element Method). The dimensions for the microbridge are

optimized by considering both the sensitivity and nonlinearity with respect to the deflection.

The placement location of the piezoresistors and the effect of geometrical parameters of the

piezoresistors on the sensitivity SiO2 microbridge are studied. The obtained sensitivity, ∆R/R

of SiO2 microbridge is 6.15 × 10−4 which is four times higher than that of existing work.

A chemical reaction free, pressure sensor, based on osmosis principle has been designed for sens-

ing the concentration levels of an osmotically active substance. The device consists of a square

cavity on the bottom side with a thin Si membrane on the top. The square cavity filled with a

glucose solution of 100 mg/dL as a reference solution, and it is sealed with a semi-permeable

membrane. The fluid flow across semi-permeable membrane, and mechanical as well as the

electrical behavior of the device are analyzed using FVM (Finite Volume Method) and FEM

commercially available software tools. The geometrical parameters of the device are optimized

to improve the sensitivity and linearity.

The pressure sensor is fabricated using the bulk micromachining technology, on the SOI (silicon

on insulator) wafer. Two sets of devices, having membrane thickness of 10 µm and 25 µm, but

the same area of 3 mm × 3 mm are fabricated. A cost effective packaging method for the

individual device is suggested. The device is embedded in a PCB for the wire bonding. After

wire bonding, the device is assembled into a square cavity of polycarbonate (PC) material. The
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piezoresistive pressure sensor is packaged using the PC by employing simple technique avoiding

costly steps such as laser dicing, etching, lithography and anodic bonding. Further, all the

device packaging steps are carried out at low temperature.

The performance and repeatability of the piezoresistive pressure sensor are tested initially by

applying the external gas pressure. Subsequently, glucose solution is employed to prove the

functionality of the device and it is tested for the different glucose concentration levels rang-

ing from 50 mg/dL to 450 mg/dL. The output voltage obtained for the corresponding glucose

concentration levels are from -6.7 mV to 22.7 mV for the 10 µm device and from -1.7 mV to

4 mV for the 25 µm device. The simulation and experimental results are closely matched. A

response time 40 min is obtained in the case of 10 µm device, compared to 30 min for the 25

µm device. The response time obtained for these devices are found to be smaller compared to

similar works based on osmosis principle. This pressure sensor has the potential for controlled

drug delivery if it can be integrated with other microfluidic devices.

Finally, we have designed an AC electro-osmotic pump for controlled drug delivery. The micro-

pump consists of four arrays of traveling wave electrodes on a glass substrate. The input AC

voltage of amplitude 1 V at a frequency 500 Hz is switched between the four sets according

to the requirement of insulin delivery. The set1 operates continuously and delivers background

insulin with a flow velocity approximately 32 µm/s. If this micro-pump is integrated with a

continuous glucose monitoring system, it can deliver insulin according to the glucose concen-

tration levels and the combined system can serve as an artificial pancreas.

Keywords: Diabetes, Drug delivery, Electro-osmotic pump, Glucose, Fabrication, Micro-

bridge, Osmosis, Packaging, Piezoresistive pressure sensor, Semi-permeable membrane.
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1.1 Diabetes and Glucose Sensing Devices

Diabetes mellitus is a metabolic disorder, which once diagnosed is not reversible and is

characterized by imbalance in blood glucose levels. This imbalance is due to the lack of insulin

production from the pancreas or inability of the body to use endogenous insulin effectively, and

therefore a regular monitoring of blood glucose levels is inevitable to manage the insulin intake.

This is to avoid further complications like heart disease, nerve damage, kidney failure, and vision

disorders etc. The continuous monitoring of abnormal glucose levels in a diabetes patient is

carried out by either non-invasive or minimally invasive approaches. Non-invasive method of

glucose detection is observed using optical devices, by directing a light beam through the skin, to

measure the properties of the reflected light. Generally, such method has limited accuracy and
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reliability [1, 2]. Approximately, 85% of the entire biosensor market consists of electrochemical

glucose biosensors [3]. One of them is fingerstick meter readings, and it would require at least

4-5 blood samples per day. This method is fast and accurate, but it is a tedious process

and will be painful in the long run [4]. Minimally invasive, subcutaneously implanted electro-

enzymatic glucose detection devices are most popular among all the techniques. The change

in glucose concentration is proportional either to the consumption of oxygen (O2) or to the

production of hydrogen peroxide (H2O2) [5]. Electro-enzymatic methods of glucose detection

are simpler, faster and sensitive. This technique is the basis for a number of commercially

available devices such, as Glucose Analyzer[6], MiniMed Paradigm Real-Time Revel System

[7], FreeStyle Insulinx Meter [8], and Dexcom G4 Platinum [9]. The drawback of the electro-

enzymatic detection is the irreversible consumption of glucose, and this might change the

equilibrium concentration of glucose in tissue, and as a result it affects the actual measured

glucose level [10, 11]. Moreover, the rate of glucose consumption is diffusion limited, and

depends on the active nature of diffusion layer. The sensitivity of the sensor affects greatly, if

there is any change in the diffusion layer during the chemical process. Other drawbacks of this

method are the interference from the electrode-active chemicals (such as ascorbic acid, catechol,

uric acid, and acetaminophen) during the H2O2 production [12].

The advancement in the field of micro-machining technology has helped the fabrication of

different kinds of microelectromechanical system (MEMS) devices such as bridges, microac-

tuators, pressure sensors, micro-cantilevers and drug delivery pumps. These MEMS devices

have emerged as a standard platform for biomedical applications, including ultrasensitive mass

measurements, biomolecular sensing, and detection of chemical analytes, diagnostic and glucose

monitoring. The enzyme glucose oxidase (GOx)-based micro-machined silicon (Si) cantilever

has been fabricated and demonstrated successfully [12]. The basic principle is similar to electro-

enzymatic detection, but instead of measuring the O2 consumption or the production of H2O2,

the deflection due to the surface stress is analyzed to quantify the glucose concentration levels

[13, 14]. A major advantage of this technique is the selectivity, because of the high selectivity

of GOx. Moreover, the response of the device is degraded when the experiment is repeated
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multiple times, and it may be due to the corrosive effect of H2O2 on the enzyme layer.

The above-mentioned drawbacks of electro-enzymatic detection motivated the researchers

to investigate a chemical-free glucose sensor. Osmosis is a passive transportation of a solvent

(water) across the semi-permeable membrane driven by a concentration difference. The osmotic

sensors employ the natural phenomenon called osmosis, which occurs in many biological systems

including the human body [15]. Frederic N and Ruedes E [16], fabricated an implantable device

to measure the glucose levels. The device has two pressure sensors, and the chamber of each

sensor is sealed with two different membranes. The in/out fluid flow across the membranes

create a volume change inside the chamber of the respective sensors. The change in osmotic

pressure difference is quantified in terms of change in capacitance and the signal of interest is the

difference between the two pressure sensors. However, the sensitivity and accuracy are limited

because the change in capacitance which is very small compared to the fixed capacitance.

Nagakura et al. [17], developed an auto-regulated osmotic pump for insulin delivery. This

system consists of an osmotic pump which is attached to a microsyringe. Osmotic pump is

filled with standard glucose solution (100 mg/dL) and sealed by the semipermeable membrane.

When concentration outside the pump increases, the solvent is drawn out from the pump

and volume of fluid in pump decreases and hence the membrane bends. The displacement in

the membrane provides the needed mechanical stroke to the microsyringe which delivers the

required amount of insulin. However, the system does not have any in-built sensing mechanism

to monitor the glucose concentration levels. Moreover, the size of their system and its response

time are very high. Ellingsen O [18], proposed a device to measure the osmotically active

substance in the body fluid. It is capable of continuous glucose monitoring since the system is

employed with a feedback loop. The hindrance with this design is the fact that a significant

amount of water must be transported through the membrane when the osmolality in the body

is changing to move the position of a piston up and down, as the result sensitivity reduced.

Moreover, the system is large in size and has longer response time. Further, the use of osmotic

energy is successfully demonstrated to provide the mechanical actuation in a microactuator for

the drug delivery applications [19, 20]. Event hough, the operation of these devices are free of
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any chemical reactions, but they suffer from sensitivity, response time, and size related issues.

In another approach, smart hydrogels are confined inside a pressure sensor to facilitate the

measurement of change in glucose concentration levels [21, 22, 23]. Though, its response time

is high, the inclusion of smart hydrogels offers high sensitivity and selectivity.

Insulin pumps are used to deliver exogenous insulin to compensate lack of indigenous insulin

from the pancreas. These pumps act as artificial pancreas for delivering insulin but it cannot

sense the glucose levels automatically like the pancreas in a human body. There are different

ways to take the insulin into the human body, most popular methods are intravenous, subcu-

taneous, and intraperitoneal routes [4]. In all these external infusion techniques, infection risks

are very high. The conventional insulin delivery pumps use mechanical strokes [17] to deliver

insulin and it may lead to error in the infusion because of the aging problems in the mechanical

parts.

1.2 Motivation and Problem Statement

The problems associated with the above mentioned devices have motivated us to design

and fabricate a sensor with better response time, improved sensitivity, chemical-free nature,

avoidance of any mechanical excitations, linearity and improved life time. Further, there should

be provision for the integration of electronic circuit with glucose sensing devices. This thesis

aims at the design and fabrication of an osmotic pressure sensor for glucose sensing application,

while improving its performance by identifying the various tradeoffs that exist among the

performance parameters.

Through a simulation study, we will investigate, initially, a high sensitivity micro-bridge

for the measurement of differential surface stress due to the adsorption molecules. The micro-

bridge provides the necessary stability in different conditions compared to microcantilever,

because of its two ends support. The micro-bridge could be developed as a potential device

for the continuous monitoring of glucose levels. Moreover, it provides the selective detection of

glucose, if the GOx was immobilized on a top surface of the micro-bridge.

The design, fabrication, packaging and testing of an osmotic pressure sensor to measure
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the glucose concentration levels will be the main focus of the thesis. In order to optimize

the design of an osmotic pressure sensor, we have first fine tuned its performance parameters

using simulation studies. The FEM (Finite Element Method) is used for the electro-mechanical

analysis of pressure sensor and the FVM (Finite Volume Method) is employed for the fluid flow

analysis across a porous medium. The geometrical parameters of the system plays a major

role and they decide the response time, sensitivity and linearity of devices. By considering

these effects, two sets of devices having membrane thickness of 10 µm and 25 µm are designed

and their results are compared with respect to each other. The designed osmotic pressure

sensor is fabricated by employing a bulk micro-machining technology on a SOI (Silicon on

Insulator) substrate. The advantage of using the Si material over the polymer material is that

the electronic circuit can be integrated on the same substrate. After the fabrication, the device

is packaged such that it can interact with liquids, gases or to any external pressure ambients.

The device is packaged using the polycarbonate (PC) material by employing a simple technique

instead of following the standard procedure such as a laser dicing, plasma cleaning, wet/dry

etching, lithography and anodic bonding for the packaging. The performance of the packaged

device was demonstrated successfully for the different glucose concentrations ranging from 50

- 450 mg/dL with respect to the reference solution. Further, the simulation results of the

designed osmotic pressure is compared with experimental results.

Finally, an AC electro-osmotic pump is designed for the controlled drug delivery application.

The electro-osmotic pump may be integrated with glucose sensor since there are no moving parts

involved to deliver the required amount of insulin according to the glucose concentration levels.

1.3 Summary of Contributions and Results

A brief description major contribution is as follows (Fig. 1.1);

1.3.1 Design of a micro-bridge for Glucose Sensing Application

A micro-bridge which measures the differential surface stress induced by the adsorption of

molecules has been designed. In this work, silicon dioxide (SiO2) is chosen as the material for the

5
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Figure 1.1: Flow chart summarizes the major contribution.

micro-bridge. The unique characteristic of a micro-bridge is that it bends when the molecular

adsorption by confined to one side of the surface. The deflection in micro-bridge is measured in

terms of change in the resistance of a piezoresistors which are diffused on the top layer of Si. The

piezoresistors are placed at the edges of the micro-bridge, as the maximum stress is at the edges

compared to the middle. To improve the sensitivity, we have used two piezoresistors instead of

one along the micro-bridge [24]. Moreover, enough space is provided between piezoresistors at

the top surface of the micro-bridge and it can be used for the adsorption of molecules, instead of

the bottom surface. The deposition of active layer on top surface is very easy compared bottom

surface. FEM is used to analyze the electrical and mechanical response of a piezoresistor based

micro-bridge.

The dimensions of the micro-bridge are chosen as 400 µm × 50 µm × 1 µm by considering

both the nonlinearity and sensitivity aspects with respect to the deflection. The peizoresistors
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are p-type boron doped Si with the doping concentration of 1 × 1017 cm−3. The maximum

change of ∆R/R is 0.00568 for a width of 2.5 µm and a thickness of 0.25 µm piezoresistors.

The thickness of the piezoresistors has more significant effect on the sensitivity of the micro-

bridge compared to the width of the piezoresistor, though both can affect the deformation as

well as the ∆R/R of micro-bridge. The placing of piezoresistors on the micro-bridge and the

optimization of the geometrical parameters of the piezoresistors are the reasons for the improved

performance. The small variation in the resistance of piezoresistors as the result of differential

surface stress on the micro-bridge is observed in terms of output voltage. The change in output

voltage of the SiO2 micro-bridge is from 0 to 1.472 mV, when the force value is varied from 0 to

2 µN. The output voltage obtained is twice since the change in resistance of two piezoresistors

are considered instead of single piezoresistor. Thus, the micro-bridge has the potential for the

glucose sensing with high sensitivity and selectivity, if GOx could be immobilized on its surface.

1.3.2 Design of an Osmotic Pressure Sensor

The osmotic pressure sensor consists of an actuation membrane on the top side and it is

constructed on a SOI substrate by making a square cavity on the bottom side using bulk micro-

machining technique. The square cavity used to fill the glucose concentration of 100 mg/dL

as a reference solution and it sealed with a semi-permeable membrane. When the device is

exposed to the fluid outside, having the same solution but with a different concentration, an

osmotic pressure difference across the semi-permeable membrane is created and it leads to the

flow of solvent in/out.

The osmotic pressure sensor measures the change in glucose concentration levels. For ex-

ample, when the glucose concentration outside the device is 150 mg/dL, the concentration

difference is 50 mg/dL. Due to such a concentration difference, the solvent flows across the

semi-permeable membrane to the higher concentration side. Equation (1.1) describes the rate

of solvent flow through the semi-permeable membrane [25].

Jv =
Kp

ηdm
A(σ∆π −∆P ) (1.1)
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where Kp is the filtration coefficient, Jv is the volume flow of solvent per unit time, A is

the surface area of the membrane, σ is reflection coefficient of membrane, η is the dynamic

viscosity of the fluid, dm is the membrane thickness, ∆π and ∆P are the differences in osmotic

and hydrostatic pressure respectively. The in/out flow of solvent through a semi-permeable

membrane creates a volume change inside the cavity and leads to the deformation of a Si

membrane on the top side. The deformation in the Si membrane is high because of the fact

that semi-permeable membrane is stiff and it is thicker. The deformation in Si membrane is

measured in terms of change in resistance. The sensors contain sensing elements (piezoresistors)

made up of a P-type Si because its sensitivity is more compared to an N-type silicon. Finally,

the output voltage of the Wheatstone bridge circuit, by considering geometry of piezoresistor

and doping concentration, is given by equation (1.2).

Vo

Vs

= (π44 × 0.141)(
l

h
)2(

WR

LR

)∆P (1.2)

where l is the length of the membrane, h is the thickness of the membrane, π44 is the piezore-

sistive coefficient, WR and LR are width and length of the piezoresistor respectively. Compared

to capacitive or piezoelectric types, piezoresistive pressure transducers are easer to fabricate

and provide a linear variation in resistance with respect to the stress being measured.

Initially, fluid flow through the semi-permeable membrane is studied. Then, the relation

between fluid and structure interactions are analyzed by coupling three different equations.

The Navier-Stokes equation solves the fluid flow through the porous medium, and Arbitrary

Lagrangian-Eulerian (ALE) method handles the dynamics of structural deformation. The

change in glucose concentration levels outside the device are measured with respect to the ref-

erence solution. When the device is exposed to the glucose solution of different concentration,

for example 150 mg/dL, the flow of solvent starts from the device through the semi-permeable

membrane as long as the ∆π is higher than ∆P . The output voltage across the Wheatstone

bridge is increased from 0 to 21.2 mV approximately after 40 min for a device having Si mem-

brane dimensions 3 mm × 3 mm × 10 µm. The sensitivity is 2.10 - 1.45 mV/V/kPa when the

membrane dimensions are 3.5 mm × 3.5 mm × 10 µm which is high compared to a devices
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having two different thickness of 10 µm and 25 µm but the same area of 3 mm × 3 mm. The

nonlinearity will be more if the membrane thickness is small. The nonlinearity is 12.65 %

approximately for the case of device having dimensions 3.5 mm × 3.5 mm × 10 µm which is

very high compared to 3.29 % and 0.82 % for the devices having two different thickness of 10

µm and 25 µm but the same area of 3 mm × 3 mm. The thickness of the Si membrane defines

the amount of solvent that moves in/out of the device. The response time can be decreased

by constraining the deformation of the Si membrane, that is, by increasing the thickness of the

membrane. By considering the response time, linearity and sensitivity, finally, we have decided

to fabricate two devices having different diaphragm thickness of 10 µm and 25 µm, but having

the same area of 3 mm × 3 mm.

1.3.3 Fabrication and Packaging of an Osmotic Pressure Sensor

The designed piezoresistive pressure sensor is fabricated using bulk micro-machining technol-

ogy. The SOI substrate of an N-type material as device layer is used for the sensor fabrication.

Initially, SiO2 is deposited on the substrate using a wet oxidation technique. The next step is

the boron diffusion on to the front side of the substrate for the piezoresistors. After the boron

diffusion process, the SiO2 is deposited on the bottom side of substrate using plasma enhanced

chemical vapor deposition (PECVD) technique and it will be used as mask during Si etching.

The square cavity is constructed on the SOI substrate by etching the bulk Si from the bottom

side using DRIE. The final step is metallization, and a thermal evaporation technique is em-

ployed, to provide the metal contacts for the piezoresistors. After the device fabrication, the

metal contacts and resistance values of the piezoresistors are checked using DC probe-station

(Agilent 4155C), by applying current as the input and the output is voltage drop across the

resistors.

The packaging involves several processing steps, beginning with the dicing of device and

concludes with the sealing of device for the mechanical protection, each stage is monitored to

meet the desired performance. The wafer is diced using the diamond cutter to separate the

individual devices. A printed circuit board (PCB) is designed and fabricated, with metal bond
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pads made of gold and a square shaped window is provided in the center for the device housing.

The device is bonded into the PCB using a die bonding epoxy adhesive and it is cured at a

temperature of 150◦ C for 60 min. The electrical contact between the metal bond pad of the

device and the pad on the PCB is made by wire bonding. After the wire bonding, the device

packaging is initiated. Polycarbonate (PC) material is chosen as the packaging material. The

PC flat sheet is diced into the rectangular plates according to the desired dimensions. The

square window is opened in the middle of the rectangular plate using a Lathe machine. This is

to provide the housing for the PCB, which contains the device. The PCB is mounted in a PC

flat sheet, and the device cavity on the bottom side is kept open such that it can interact with

the environment (osmotic liquids, gases, and external pressure). Finally, the top side is sealed

with the square cavity cap made up PC flat sheet to provide mechanical protection as well as

isolation for electrical contacts from fluids. Depending on the application, the top side square

cavity cap can be sealed permanently, or else a locking system is provided between the top and

the bottom plate.

After packaging, the performance of the device is tested by applying an external pressure.

During the packaging, a provision was provided to facilitate the application of external pressure

on the bottom side of the device. The pressure applied is from 0 to 30 mmHg and the corre-

sponding voltage across the Wheatstone bridge configuration is 0 to 18 mV. The sensitivity of

the pressure sensor is 0.120 mV/mmHg/V. The above data confirms that the device is suitable

for low pressure sensing applications.

1.3.4 Experimental Setup and Testing of an Osmotic Pressure Sen-

sor

A test setup is prepared for the glucose sensor to measure any change in glucose concen-

tration levels. To begin the testing, the square cavity is filled with a glucose solution of 100

mg/dL and sealed with a semi-permeable membrane. To characterize the device response time,

the glucose concentration in the square cavity need to be reset to the reference value of 100

mg/dL i.e. the output voltage need to brought back to the reference value (close to zero). For
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this purpose, prior to the test of a new concentration, every time, a glucose solution of 100

mg/dL is introduced into the test chamber, where it is allowed to permeate through the semi-

permeable membrane. Next, the test chamber which contains a glucose solution of 100 mg/dL is

replaced with another liquid under test (in this case a 150 mg/dL solution). The concentration

difference is 50 mg/dL across the semi-permeable membrane and the corresponding osmotic

pressure developed as per equation (1.1). The resultant change in output voltage, corresponds

to 150 mg/dL glucose concentration, is continuously monitored. The voltage, finally, reaches

a maximum value of 21.6 mV after 40 min and for further 10 min, the variation observed is

negligible. The sensitivity (output voltage per [mg/dL] per voltage per time) for the 25 µm

device is approximately 0.5 µV/(V·mg/dL·min) and it is low compared to 10 µm device which

is 2 µV/(V·mg/dL·min), without any amplification of the output voltage. The disadvantage of

increasing membrane thickness is that the sensitivity will be reduced.

The glucose sensor is tested with different glucose concentrations ranging from 50 mg/dL

to 450 mg/dL. The time needed to reach the maximum value of the output voltage is different

for each concentration and it is shortest for a case where the test chamber contains the highest

concentration of glucose. For instance, when the glucose solution in the test chamber is 450

mg/dL, the output voltage attains its steady state value within 15 min. When the concentration

is increased from 50 mg/dL to 450 mg/dL, the output voltage across the Wheatstone bridge

is increased from -6.7 mV to 22.7 mV for the 10 µm device. The output voltage indicated

in each case is the value obtained after 15 min of osmosis. The simulation results and the

experimentally obtained values are in close agreement for the 25 µm device. However, a slight

deviation is observed between simulation and experimental results for the 10 µm device and

the error is about 10 %. The sensitivity can be increased by employing a smaller membrane

thickness, at the cost of increasing response time and nonlinearity. The device life time of the

present sensor is expected to be longer since there are no chemical reactions are involved. The

response time obtained for the devices having two different thickness 10 µm and 25 µm are

40 min and 30 min respectively, and it is smaller compared to similar works based on osmosis

principle.
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1.3.5 Design of a Controlled Drug Delivery Pump

The AC electro-osmotic micro-pumps seem to be promising for the drug delivery at micro

and nano-scale, due to the absence of moving parts and it is relatively easy to integrate with

a glucose sensor. In this section, we present the design of an AC electro-osmotic pump for

the insulin delivery application. The flow velocity is increased by increasing the number of

electrodes which are placed on both sides of the channel wall. The electrodes in the micro-

pump are driven by low amplitude AC voltage of low frequency f0 and therefore suitable for

low power portable devices. The low frequency is chosen to avoid any transient effects and to

maintain the unidirectional fluid flow. An additional advantage of employing low-voltage is the

absence of electrolysis in the system.

The micro-pump consists of an array of 48 interdigitated electrodes coated on a glass sub-

strate. The electrodes are 20 µm wide and separated by distance of 20 µm. These electrodes

are arranged into four sets. The advantage of this method is that the micro-pump delivers the

insulin with different flow rates according to the glucose concentration levels. The set1 operates

continuously to provide the background minimum insulin needed for the patient. If the glucose

concentration levels are increased after the food intake, the input voltage is switched from set1

to set2, or to set3 or to set4, depending on the insulin requirements. If more insulin is to be

delivered, more than one set can be operated simultaneously. The applied input voltage is 1

V peak-to-peak at a frequency of 500 Hz. The input AC voltage on consecutive electrodes is

phase-shifted by 90 degrees. This produces a traveling wave potential having a wavelength of

160 µm and 240 µm. Each electrode in the set is driven with an input AC voltage when it is

operated and the electrodes in other sets are grounded. The set1 consists of a 12 electrodes

and these are 20 µm wide and separated by a distance of 40 µm. Initially, the fluid flow veloc-

ity across the outlet of the micro-pump is 32 µm/s approximately, when the set1 is operated.

The fluid velocity is increased from 32 to 107 µm/s as per the requirements by switching the

input voltage from set1 to set4. The insulin delivery is auto-regulated by switching the voltage

between the four sets according to the glucose concentration levels.

12
TH-1374_086102081



1.4 Organization of the Thesis

1.4 Organization of the Thesis

The work presented in this thesis has been organized as follows. In chapter 1, we have

presented introduction and motivations of our research work; additionally, an overview of thesis

contributions are presented in this chapter. Chapter 2 includes the design of a microbridge

for glucose sensing application. Simulation results of mechanical and electrical response of a

piezoresistor based microbridge are discussed. Chapter 3 presents the basics of osmosis principle

and the design details of osmotic pressure sensor. Subsequently, the simulation results of an

osmotic pressure sensor is discussed. And the fabrication and packaging of a piezoresistive

pressure sensor are explained in chapter 4. The experimental setup and testing of an osmotic

pressure sensor is presented in Chapter 5. In chapter 6, the design of an AC electro-osmotic

pump and the simulation studies are discussed. Finally, conclusion and future direction of

research work are included in chapter 7.
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Design of a micro-bridge for Glucose

Sensing Application
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2.1 Introduction

Advances in the field of micro-machining technology has helped fabrication of microstruc-

tures, such as bridges and microcantilevers. The unique characteristic of a microcantilever or

a micro-bridge is that it bends when the molecular adsorption by confined to one side of the

surface [24, 26, 27]. The enzyme glucose oxidase (GOx) based micro-machined silicon (Si) can-

tilever has been fabricated and demonstrated successfully for glucose detection [13, 28, 29]. The

micro-bridge could be developed as a potential device for the continuous monitoring of glucose

levels. Moreover, it provides the selective detection of glucose if the GOx was immobilized on
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the top surface of the micro-bridge [13]. The adsorption induces a differential surface stress

which causes bending in the micro-bridge. The use of micro-bridges in the development of

miniaturized sensors offers advantages such as high sensitivity and the ability to work in air,

liquid, harsh environments and even in a mobile working environment [24, 30]. The main chal-

lenge associated with the microcantilever is its stability in a mobile working environment and

this issue can be resolved to a certain extend by the usage of micro-bridge because of its two

ended support. All these advantages of micro-bridge come at the expense of lower sensitivity

and low ∆R/R values compared to microcantilevers.

Micro-bridges have been fabricated using silicon (Si), silicon carbide (SiC), silicon nitride

(Si3N4), metals, metal composites and polymers [24]. The bending of a Si micro-bridge made

up of Si is very small because the adsorption induced surface stress is very small and Si material

has a relatively large Young’s modulus that resists the bending. The materials with smaller

Young’s modulus would be a more appropriate for developing chem/biosensors based on the

deformation. The bending in the micro-bridge can be measured with different methods such as

optical, electrostatic, piezoelectric and piezoresistance [24, 28, 31]. In this work piezoresistive

sensing technique is employed. Piezoresistance based micro-bridges are becoming increasing

popular in recent years as they are convenient to calibrate, readily deployable into integrated

electromechanical system and do not require external detection devices.

Yanqing Lu et.al. designed and fabricated the SiO2 based piezoresistive micro-bridge. A thin

layer of P-type boron doped Si is used as the piezoresistive material to measure the bending of

the SiO2 micro-bridge [24]. In this chapter, we have designed a micro-bridge for glucose sensing

application. SiO2 is chosen as the material for the micro-bridge. The Young’s modulus of SiO2 is

76.5-97.2 GPa, which is smaller than that of Si at 155.8 GPa [32]. The SiO2 micro-bridge is also

useful in the detection of hydrogen fluoride (HF) and nerve agents as suggested in the literature

[24, 30, 33, 34]. The micro-bridge employed in this work differs from the existing literature in

the following ways. The two piezoresistors are placed at the edges of the micro-bridge instead

of single piezoresistor along the micro-bridge [24]. The reason is that the maximum stress is at

the edges compared to the middle. Moreover, the top surface of the micro-bridge can be used
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2. Design of a micro-bridge for Glucose Sensing Application

for the adsorption of molecules instead of bottom surface. The deposition of active layer on top

surface is very easy compared bottom surface. Additionally two more piezoresistors are placed

on the anchor region of the micro-bridge where the stress is zero as shown in Fig. 2.1. This

can be used as reference resistors. These four resistors are arranged in the Wheatstone bridge

configuration. Compared to a single resistor scheme the output voltage of the Wheatstone

bridge configuration becomes double because of the resistance changes in opposite sides. FEM

is used to analyze the electrical and mechanical response of a piezoresistor based micro-bridge.

The sections of this chapter are as follows. The design details of micro-bridge are explained

in section 2.2. Simulation results of mechanical and electrical response of a piezoresistor based

micro-bridge are given in section 2.3 and finally the chapter is summarized in section 2.4.

2.2 Design of SiO2-based Piezoresistive micro-bridge

A micro-bridge can be constructed in a SOI substrate by etching the bulk Si using the DRIE

technique as shown in Fig. 2.1. The Si under the SiO2 micro-bridge at the two ends is used as

the anchor to provide the support. In general, biomedical sensors are based on measuring the

mechanical deformation caused in a micro-bridge or membrane when it experiences the stress

due adsorption induced differential surface stress. The fixed end beam is subjected to a surface

stresses σ+
s and σ−

s on upper and lower surfaces, respectively as shown in Fig. 2.2(a). The

surface stress effects are considered as uniformly distributed forces on the top surface of the

micro-bridge [35] and its units are N/m. Fig. 2.2(b) shows the beam with uniformly distributed

load along the x-direction. Euler-Bernoulli beam theory is used to describe the beam bending.

The beam ends are fixed and a uniformly distributed load is considered to solve the beam

deflection from the fourth-order differential equation of a simple beam theory as follows [36].

EI
d4w(x)

dx4
= −q (2.1)

where E is the Young’s modulus, I is the moment of inertia and q is the load in N/m. For the

rectangular beam, I = b ·h3/12, b and h are the micro-bridge width and thickness, respectively.
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SiO2
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Piezoresistors

L

w
PZR2

PZR1 PZR3
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h

Figure 2.1: The SiO2 micro-bridge with P-type piezoresistors on the top surface.
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Figure 2.2: The fixed end beam with uniformly distributed load q.

The load on this beam acts only in the vertical direction, hence there are no horizontal reaction

forces at the supports. The reaction forces and bending moments at the support A and B are

RA = RB and MA = MB, respectively because of symmetry of the beam. The reaction force RA
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= RB = q·L
2
since the vertical reaction forces are equal. The successive integration of equation

(2.1) gives the shear forces, bending moments, slope and deflections of the beam.

E · I ·
d3w(x)

dx3
= −q · x+ c1 (2.2)

E · I ·
d2w(x)

dx2
= −

q · x2

2
+ c1 · x+ c2 (2.3)

E · I ·
dw(x)

dx
= −

q · x3

6
+ c1 ·

x2

2
+ c2 · x+ c3 (2.4)

E · I · w(x) = −
q · x4

24
+ c1 ·

x3

6
+ c2 ·

x2

2
+ c3 · x+ c4 (2.5)

The boundary conditions for a fixed end beam are given as

w(0) = 0,
dw(0)

dx
= 0,

dw(L
2
)

dx
= 0 (2.6)

where L is the length of the micro-bridge along the x-direction. The five unknown constants c1,

c2, c3, c4, andMA are obtained by substituting the boundary conditions into the above equations

(2.2)-(2.5). When these five constants are substituted in equation (2.5), the deflection of the

micro-bridge is obtained.

c1 = q ·
L

2
, c2 = −MA, C3 = C4 = 0, MA = q ·

L2

12
(2.7)

w(x) = −
q · x2

24 · E · I
· (x2 − 2 · L · x+ L2) (2.8)

The differential surface stress ∆σ (∆σ = σ+
s - σ−

s ) causes deflection in the micro-bridge. How-

ever, the stress is maximum at the edges, in practice, the stress is not uniformly distributed.

The maximum deflection in the micro-bridge is at x = L
2
and it is given by.

w = −q ·
L4

32 · E · b · h3
(2.9)

The deflection in micro-bridge is measured in terms of change in the resistance of piezoresis-

tors which are formed on the top layer of Si as shown in Fig. 2.1. The piezoresistors are made

up of a boron-doped Si (P-type), because its sensitivity is more compared to an N-type Si. The

advantage of using piezoresistor is that it provides a linear variation in resistance for the stress
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being measured and is simple to fabricate. Finite Element Modeling analysis is performed to

study the deformation, stress and the change in resistivity of a piezoresistive material by ap-

plying the external force on the top surface of the micro-bridge. The MemMech and MemPZR

modules in CoventorWare are used to study the mechanical behavior of the micro-bridge and

compute the change in resistivity of a piezoresistive material subject to mechanical deforma-

tions. Piezoresistivity in Si arises from the deformation of energy bands as a result of stress.

The resistivity of a material depends on the internal atom positions and their motions. Ohm’s

Law in the stress-free state represents this effect mathematically [37].
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where Ei and ii are the electric field and current density, respectively, parallel to the xi crys-

tallographic axis, and ρ0 is the stress-free resistivity. The change in resistance for the applied

stress is given by the following equation (2.10).

R = ρ0
LR

WR · tR
,

∆R

R
= Πl · σl (2.10)

where R is the fixed resistance, tR is the thickness of the piezoresistor, WR and LR are the

width and length of the piezoresistor, respectively, Π is the piezoresistive coefficient of silicon,

σ is the stress and the subscript l refer to longitudinal stresses with respect to the resistor axis.

The stress for a micro-bridge is given in equation (2.11).

σl =
M · y

I
(2.11)

hereM is the bending moment and y is the distance from the natural axis of a micro-bridge. The

relationship between the stress and the deformation of a micro-bridge is obtained by calculating

the bending moment at different values along the x-direction. The piezoresistive coefficients for

the P-type Si and the material properties used in this work are listed in the table 2.1.
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Table 2.1: Material Properties for the micro-bridge

Material Property Si [1 1 0]
Young’s modulus (MPa) 1.30191 × 105

Poisson’s ratio 0.278
Shear modulus (MPa) 7.9624 × 104

Density (kg/µm3) 2.32899 × 10−15

Thermal coefficient (pW/µm
K)

1.48 × 108

Resistivity (Ω-cm) 7.8
Material SiO2

Young’s modulus (MPa) 7.0 × 104

Poisson’s ratio 0.17
Piezoresistive coefficients (MPa−1)
P-type silicon π11 = 6.6 × 10−5

π12 = -1.1 × 10−5

π44 = 138.1 × 10−5

2.3 Simulation Results

The main objective of the simulations is to understand the mechanical and electrical behav-

ior of the material under the influence of the external force. This can lead to the optimization

of parameters such that the design specifications are completely satisfied and the micro-bridge

yields its best performance. Initially, the appropriate process steps are defined to construct

a 2D layout of a micro-bridge. The next step is the extraction of 3D model from 2D layout

and assigning of the boundary conditions. Meshing for the micro-bridge has been achieved

using Manhattan bricks (parabolic elements). Some parts like the anchor of the micro-bridge

structure, is not meshed closely so as to reduce the computational load.

The geometrical parameters of the micro-bridge are optimized. The deflection in the micro-

bridge is observed by applying uniformly distributed load along the length of the micro-bridge

whose two ends are fixed as shown in Fig. 2.2(b). A 2 N/m surface stress is used in this study

because the surface stress changes at this level have been observed in many chem/biosensors

[38]. The length has great influence on the nonlinearity and sensitivity of the micro-bridge

compared to the width. Fig. 2.3(a) shows the deformation in micro-bridge at different values
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Figure 2.3: Deformation and nonlinearity in the micro-bridge (a) The deformation versus force for
the different lengths (b) Nonlinearity profile with respect to the deflection when the force is varied
from 0 to 2 µN.
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Figure 2.4: The deformation versus force for the different widths of micro-bridge when the force is
varied from 0 to 2 µN.

of length at constant width when the force is varied from 0 to 2 µN. Fig. 2.3(b) shows the

nonlinearity in the micro-bridge for different values of length. If the length is increased from 300

µm to 500 µm, the sensitivity increases, but the nonlinearity also increases. The nonlinearity

will be minimal with smaller lengths, but one need to compromise the sensitivity at such

lengths. Fig. 2.4 suggests that the variation in the width of the micro-bridge has lesser impact
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on nonlinearity as well as sensitivity.
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Figure 2.5: Deformation in the SiO2 micro-bridge (a) Maximum deformation is at center for an
applied force of 2 µN (b) deformation increases as the force increases from 0 to 2 µN.

The dimensions of the micro-bridge are chosen as 400 µm x 50 µm x 1 µm by considering

both the nonlinearity and sensitivity aspects. Fig. 2.5(a) shows that the maximum deformation

is at the center of a micro-bridge for a force of 2 µN. The deformation of the micro-bridge is

increased from 0 to 0.787 µm, when the force is increased from 0 to 2 µN, as shown in Fig.

2.5(b). Analytical and simulations results are closely matched when the force value is below

0.6 µN but as the force increases further, the error also increased to 20% as shown in Fig.

2.5(b). The stress profile in Fig. 2.6(a) suggests that the maximum stress is at the edges

of the micro-bridge and the stress decreases along the x-direction towards the origin. Fig.

2.6(b) shows the stress profile along the x-direction. The maximum compressive stress is 6.00

MPa and it decreases towards the origin. The two piezoresistors are placed near the edges

of the micro-bridge to measure the deformation as shown in Fig. 2.1. This will increase the

sensitivity and moreover, the top surface can be used as the active layer. To study the resistance

variation in the piezoresistor, the deformation and stress computed in the MemMech module

are copied into the MemPZR. The sensitivity can be expressed as the change in resistance of

the piezoresistor (∆R/R) with respect to the stress being measured. The change in resistance

observed at different locations along the x-direction from 5 µm to 160 µm is shown in Fig. 2.7.
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The maximum value of ∆R/R is 6.15x10−4 which is located at 154 µm away from the origin

along the x-direction. The location of the two piezoresistors is fixed so that it will experience

the maximum stress in the micro-bridge. This approach would result in an increased sensitivity

which is 4 times higher than the existing work [24].
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Figure 2.6: (a) The maximum stress is at the edges of the SiO2 micro-bridge when a force of 2 µN
is applied (b) The stress profile in the x-direction.
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Figure 2.7: The ∆R/R of SiO2 micro-bridge at different positions along the x-axis.

The geometrical parameters of the piezoresistors have the great influence on the sensitivity

of the SiO2 micro-bridge. Fig. 2.8(a) shows that the deformation increases as the thickness

decreases from 2 µm to 0.2 µm, when a 2 µN force is applied on the surface of the micro-bridge.
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Figure 2.8: (a) The deformation and ∆R/R of the SiO2 micro-bridge versus the thickness of the
Si piezoresistors (b) The deformation and ∆R/R of the SiO2 micro-bridge versus the width of the Si
piezoresistors.

The simulation results in Fig. 2.8(a) show that deformation increases from 0.429 µm to 0.78

µm and ∆R/R increases from 0.000594 to 0.0055. If the piezoresistor thickness is very small the

deformation is higher and the piezoresistor experience the larger value of stress. A decrease in

width from 4 µm to 2 µm, increases both the deformation and the sensitivity. The deformation

is increased from 0.429 µm to 0.453 µm and ∆R/R increases from 0.000594 to 0.00108, when a 2

µN force is applied on the surface of the micro-bridge as shown in Fig. 2.8(b). The thickness of

the piezoresistors has a more significant effect on the sensitivity of the micro-bridge compared

to the width of the piezoresistor, though both can affect the deformation as well as the ∆R/R

of micro-bridge as shown in Fig. 2.9(a) & 2.9(b). The maximum change of ∆R/R is 0.00568

for a width of 2.5 µm and a thickness of 0.25 µm piezoresistors. The placing of piezoresistors

on the micro-bridge and the optimization of the geometrical parameters of the piezoresistors

is expected to result in the improved performance. Finally, the change in resistance of the

piezoresistors is converted to voltage by arranging the four resistors in the Wheatstone bridge

configuration as shown in Fig. 2.10. The resistances of the two piezoresistors PZR1 and PZR3

vary according to the differential surface stress on the micro-bridge as shown in Fig. 2.1. The

PZR2 and PZR4 are used as reference resistors and their resistances will not change.

The small variation in the resistance of piezoresistors as the result the differential surface
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Figure 2.9: (a) The deformation and (b) ∆R/R of the micro-bridge versus the thickness of the Si
piezoresistors, when the width is varied from 2 µm to 4 µm.
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Figure 2.10: Wheatstone bridge configuration of 4 piezoresistors.

stress on the micro-bridge can be observed in terms of output voltage. For the different values

of the input voltages, the change in output voltage of the SiO2 micro-bridge is shown in Fig.

2.11(a). The change in output voltage of the SiO2 micro-bridge is from 0 to 1.472 mV, when a

force value is varied from 0 to 2 µN. The relationship between the output voltages with respect

to the force is linear as shown in Fig. 2.11(b). The output voltage obtained is twice since the

change in resistance of two piezoresistors is considered instead of single piezoresistor.

2.4 Summary

A SiO2 micro-bridge was designed and simulated to measure the small variation of surface

stress on the micro-bridge. The mechanical behavior of the SiO2 micro-bridge was studied
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Figure 2.11: Deformation verses the output voltage of the SiO2 micro-bridge (a) Input voltage is
varied from 1 V to 5 V (b) Input voltage is 5V and Gain is 100.

using the FEM and the dimensions for the micro-bridge are optimized. The stress profile and

the deformation of micro-bridge were analyzed. The piezoresistors were placed at the edges of

the micro-bridge to experience the maximum stress. The effect of geometrical parameters of

piezoresistors on the sensitivity of the micro-bridge was studied. The changes in resistance of

the piezoresistors were measured in terms of change in voltage by arranging the piezoresistors

in Wheatstone bridge configuration. The output voltage obtained was twice since the change in

resistance of two piezoresistors was considered instead of single piezoresistor. Output voltage

of the SiO2 micro-bridge was from 0 to 1.472 mV, when a force value was varied from 0 to 2

µN, without any amplification of the output voltage.
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Design and Simulation of an Osmotic
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3.1 Introduction

Different kinds of microelectromechanical systems (MEMS) devices have been designed for

potential biomedical applications such as pressure sensing, diagnostic monitoring and drug de-

livery. Various kinds of stored energies like electrical, electrochemical, mechanical, and chemical

energy [39, 40, 41, 42] can be exploited to produce mechanical actuation in MEMS devices. Os-

mosis is a natural phenomena and the osmotic energy employed in an osmotic microactuator,

has been demonstrated successfully to provide a mechanical actuation [19]. This mechanism is

the basis for the development of many kinds of osmotic pumps which may be used to provide

27
TH-1374_086102081



3. Design and Simulation of an Osmotic Pressure Sensor

a controlled drug delivery without consuming any electrical energy[17, 20, 25]. Further, the

osmosis principle is extended for the measurement of osmotically active substance in the body

fluid [16]. However, these devices suffer from poor values of sensitivity and response time, and

larger system size [18]. Moreover, most of the osmotic sensors employs a polymer material

which limits the integration of an electronic circuit needed to monitor the external glucose

concentration levels [17].

Analytical and numerical simulations on the microactuators have been previously presented

by different researchers [43, 44]. Modeling and simulation of MEMS devices are of vital impor-

tance in developing innovative products at reduced fabrication cost and time. Advanced design

methodologies and a variety of software tools are needed to analyze the mechanical, electrical

and fluidic behaviors in systems. The computer simulations provide understanding of the de-

vice behavior and help to optimize the geometrical parameters and improve the performance of

the structure. MEMS devices are popularly analyzed using FEM (Finite Element Method) or

BEM (Boundary Element Method) or FVM (Finite Volume Method), to solve related partial

differential equations. The design and simulation of MEMS are inherently complex in nature.

The realization of complete system behavior is even more complex if the MEMS structures are

integrated with microfluidic devices.

In this chapter, we have focused on the design and simulation aspects of an osmotic pressure

sensor. To the best of our knowledge there are no simulation reports available for the osmotic

pressure sensor based on the FEM and FVM. The FEM is used for the electro-mechanical

analysis of pressure sensor and the FVM is employed for the fluid flow analysis across a porous

medium. The Si material is chosen for the device instead of a polymer material. The advantage

of using the Si material over the polymer material is that the electronic circuit can be integrated

on the same substrate. The osmotic pressure sensor consists of a square cavity on the bottom

side to fill the osmotically active substance. The filled cavity is sealed with a semi-permeable

membrane. The solvent moves in/out of the device if there is any change in concentration

difference across the semi-permeable membrane. The in/out solvent flow across creates a volume

change inside the device cavity which causes the displacement in the Si membrane. Further,
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3.2 Osmosis Principle

the piezoresistors are diffused onto the top side of a Si membrane and these are arranged in a

Wheatstone bridge configuration to facilitate the measurement of stress. The sections of this

chapter are as follows. The basics of osmosis principle and the design details of osmotic pressure

sensor are explained in section 3.2 and 3.3 respectively. Simulation results of an osmotic pressure

sensor is discussed in section 3.4 and finally the chapter is summarized in section.

3.2 Osmosis Principle
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Figure 3.1: Water transportation across semi-permeable membrane.

Osmosis is a natural phenomena and it is a passive transport mechanism widely found in

a variety of biological systems [15]. It is defined as the net movement of solvent flow across a

semi-permeable membrane driven by a difference in concentration levels as shown in Fig. 3.1.

The semi-permeable membrane separates a solution of lower concentration (on the left side)

from a solution of higher concentration (on the right side) in a vessel. The smaller solid circles

indicate water molecules and the bigger hollow circles indicate solute molecules (ions) like sugar

and urea. There are two different osmosis mechanisms described as forward osmosis (FO) and

reverse osmosis (RO). In RO, the applied pressure is the driving force for the flow of solvent

through membrane, unlike in FO, the osmotic pressure itself is the driving force for the mass

transport [45]. The osmotic pressure is related to the concentration of solute particles and a

mathematical relationship is formulated by Van’t Hoff [46]. The osmotic pressure due to the

solute concentration is given in equation (3.1).
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∆π = RT∆C (3.1)

where ∆C is the concentration difference, R is the gas constant and T is the temperature. Due

to the concentration difference, an osmotic pressure develops and the water molecules move

from lower concentration region to higher concentration region as indicated by arrows. The

ideal semi-permeable membrane allows only the passage of water but rejects the large size solute

molecules (ions). Equation (3.2) describes the rate of solvent flow through the semi-permeable

membrane [25].

Jv =
Kp

ηdm
A(σ∆π −∆P ) (3.2)

where Kp is the filtration coefficient, Jv is the volume flow of solvent per unit time, A is the

surface area of the membrane, σ is reflection coefficient of membrane, η is the dynamic viscosity

of the fluid, dm is the thickness of the semi-permeable membrane, ∆π and ∆P are the differences

in osmotic and hydrostatic pressure respectively.

3.3 Design of an Osmotic Pressure Sensor

Metal contacts Piezoresistors SiO2

Si membrane

Length of the membrane

Semi-permeable membrane
Glucose concentration 50 - 450 mg/dL

Square cavity

Reference solution 100 mg/dL

Osmotic pressure sensor

Figure 3.2: Osmotic pressure sensor based on osmosis principle.

Fig. 3.2 shows the schematic diagram of an osmotic pressure sensor. The device consists

of an actuation membrane on the top side and it is formed on a SOI substrate by making the
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3.3 Design of an Osmotic Pressure Sensor

square cavity on the bottom side. The square cavity used to fill the reference solution and

sealed with a semi-permeable membrane. The osmotic pressure sensor measures the change in

glucose concentration levels outside with respect to the reference solution of 100 mg/dL.

The solvent will pass through the semi-permeable membrane if there is any change in glucose

concentration outside. The flow of solvent through the semi-permeable membrane is controlled

by different parameters such as a ∆π, σ, Kp and area of the membrane. ∆π is related to

concentration difference across the semi-permeable membrane. σ defines the amount of so-

lute particles passed through the membrane in/out. Ideally, σ is equal to unity which means

that semi-permeable membrane will reject all the solute particles except water from passing

through. The filtration coefficient or permeability of the semi-permeable membrane is related

to the geometrical parameters such as molecular weight cut off (MWCO) and thickness. The

permeability of the membrane depends on the geometrical parameters and is determined using

the CarmanKozeny equation [47].

Kp =
d2pφ

2

180(1− φ)2
(3.3)

where dp is the particle diameter and φ is the porosity. The geometrical parameter of the

semi-permeable membrane are chosen such that it only allows the solvent to pass through and

not the solute. The pore diameter is from 5 Å to 10 Å, which is greater than water molecule

diameter of 3.8 Å [48]. The size of the glucose molecule is approximately 9 Å and therefore

membrane allows only water not the solute. The membrane thickness varied from 120 µm to 200

µm approximately. Permeability varies from 8.53×10−21 m2 to 7.65×10−19 m2 approximately.

Once the geometrical parameters of the semi-permeable membrane are fixed, the initial

flow rate is determined by the particular concentration difference. The in/out flow of solvent

through a semi-permeable membrane creates a volume change inside the cavity and leads to the

deflection of a Si membrane on the top side. The deflection in the Si membrane is high because

of the fact that semi-permeable membrane is stiff and thickness is high. The displacement

in the Si membrane is linearly proportion to the Volume change in the device cavity. The

relation between the volume change and the displacement are obtained by the integration of
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bending envelope of a Si membrane. The bending and the volume change are given by equations

(3.4), (3.5) respectively. All the equations are for the square cavity structure and based on the

assumption that the pressure (P ) is uniformly distributed on the top surface of a Si membrane,

and fixed at four edges as shown in Fig. 3.3.

-l0 l0

d
Z(l)

Z
V(Volume change)

Silicon membrane

P(Pressure)

Square cavity with thin Si membrane on the top

l(Length)

Figure 3.3: Cross sectional view of the square cavity and pressure is uniformly distributed on surface
of the membrane.

Z(l) = w

[

1−

(

l

lo

)2
]2

(3.4)

V =

∫ w

0

l2wz = l20

∫ w

0

(

1−

√

z

w

)

wz =
l20
3
w (3.5)

where Z(l) is the bending in the membrane, w is the displacement, V is the volume change

and the l0 is the half of side length of the membrane. The rate of change of displacement in

the Si membrane for the change in glucose concentration as the function of time is obtained by

substituting equation (3.2) in (3.5) and it is given by equation (3.6).

∆w

∆t
=

12

l2
(
Kp

ηdm
A(σ∆π −∆P )) (3.6)

where w is the displacement and t is the response time. The solvent flow across the semi-

permeable membrane in/out exert a pressure on the surface of a Si membrane and it is measured
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Square cavity

Top electrode
Bottom electrode

Studs

Fixed electrodeMovable electrode Fixed electrode

Si membrane

Figure 3.4: Capacitive pressure transducer.

in terms of displacement. The relation between pressure and displacement of a Si membrane is

given by equation (3.7) [49].

∆P =
16Eh4

l4
{

4.2

1− ν2
(
∆w

h
) +

1.58

1− ν
(
∆w

h
)3} (3.7)

where E is Young’s modulus, ν is Poisson’s ratio, h is the thickness of the membrane, P is the

pressure, and l is the length of the membrane.

3.3.1 Different Types of Sensing Techniques

Three different sensing techniques such as capacitive, piezoelectric and piezoresistance are

studied to measure the displacement in the Si membrane of the osmotic pressure sensor.

3.3.1.1 Capacitive Pressure Transducer

The capacitive sensor is the first choice to measure the displacement of the membrane. The

capacitance, C of a parallel plate capacitor is given by equation (3.8).

C =
Apǫ0ǫr

d
(3.8)

where Ap is the area of overlap of the two plates, ǫr is the relative permittivity, ǫ0 is the

permittivity of free space and d is the separation between the plates. A parallel plate capacitor
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consists of two electrodes, bottom and top electrode. The top electrode is fixed and attached to

the side walls of the device with studs. The bottom electrode is split into two parts, fixed and

movable as shown in Fig. 3.4. The fixed electrode is attached to anchor region of the device

with studs. The movable electrode is attached to the center of the membrane with a single stud

where maximum displacement occurs. Here, the advantage is that among two capacitances, one

is variable and another is fixed. In the case of small dimensions where the variation expected

is very small, this kind of structure is very helpful. Even if the variable capacitance variations

are small compared with the fixed capacitance it can be sensed by using a differential amplifier

principle. The change in the capacitance due to the displacement in the membrane is given by

equation (3.9).

C =
Apǫ0ǫr
d0 + dz

(3.9)

Here d0 is the initial gap between the plates and dz is the gap between the plates due to

displacement.

The advantage of capacitive sensor is that it is temperature independent and it has better

sensitivity. The ratio of change in capacitance to fixed capacitance may be improved by appro-

priate geometrical parameters. However, the capacitance variation is not linear and when the

displacement between the capacitor plates increases, the nonlinearity also increases. An addi-

tional sophisticated interface/compensation circuit is required to sense the very small variations

in capacitance [50]. Moreover, the fabrication of parallel plate capacitor on the Si membrane

requires complex process.

3.3.1.2 Piezoelectric Pressure Transducer

The piezoelectric materials translate mechanical energy to electrical energy and vice versa.

This basic principle may be used for applications such as pressure sensor, actuation and vi-

bration control. In the present work, a piezoelectric based, multilayered membrane is used to

measure the osmotic pressure inside the cavity. The membrane can be constructed from a Si

substrate by using bulk micro-machining followed by deposition of Si nitride (Si3N4), titanium

(Ti), platinum (Pt), piezoelectric material (ZnO) and Pt layers as shown in Fig. 3.5. The
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piezoelectric material works as a sensing material because its electrical potential changes when

it experiences strain due to applied pressure.

Square cavity

Si membrane

Bottom electrode

Top electrode
(Pt)ZnO (Piezoelectric mateial)

Ti Si3N4

Figure 3.5: Piezoelectric pressure transducer.

In this case, an additional electronic circuit is not required because of the pyroelectric

effect, by which a material generates an electric potential in response to a pressure change.

The fabrication is simple compared to capacitive sensor. The sensitivity is smaller and it is

also temperature dependent. Moreover, the potential change is not linear with respect to the

pressure changes.

3.3.1.3 Piezoresistive Pressure Transducer

Piezoresistivity is the dependence of electrical resistivity on strain. The displacement in Si

membrane is measured in terms of change in resistance. The sensor contain sensing elements

(piezoresistors) made up of a P-type Si because its sensitivity is more compared to an N-type

silicon. As shown in Fig. 3.6 piezoresistors are buried in a square Si membrane using a boron

diffusion process. The resistivity of a material depends on the internal atom positions and

their motions. These resistors are arranged in a Wheatstone bridge configuration to sense the

stress in the membrane caused by the pressure being measured. The change in resistance for

the applied stress is given by equation (3.10).

R = ρ0
LR

WRtR
,

∆R

R
= Πlσl +Πtσt (3.10)

where R is the fixed resistance of the piezoresistor, tR is the thickness of the piezoresistor,

WR and LR are the width and length of the piezoresistor, respectively, Π is the piezoresistive
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Metal contacts Piezoresistors SiO2

Si membrane

Square cavity

Figure 3.6: Piezoresistive pressure transducer.

coefficient of Si, σ is the stress and the subscripts l and t refer to longitudinal and transverse

stresses with respect to the resistor axis.

In the bulk micro-machined structure, all resistor axes are along one of the<110> directions,

and are aligned along the axis of principle stress developed at the edge of the plate. The resistor

R1 (R3) experiences the longitudinal stress, and R2 (R4) experiences transverse stress. The total

change in resistance for R1 and R2 is given by equation (3.11) and (3.12) [51].

∆R1

R
= (Πl + νΠt)σl (3.11)

∆R2

R
= (νΠl +Πt)σl (3.12)

where ν is Poisson’s ratio having a minimum value in [110] direction of a (100) plane, with a

value of 0.064 [52]. The maximum stress is at centre of membrane edge. The stresses along x

and y directions are given by equation (3.13).

σx = 0.294(l/h)2, σy = νσx (3.13)

where l is the length of the membrane and h is the thickness of the membrane. The dop-

ing concentrations affect the piezoresistive coefficient in <110> direction for P-type Si. The

piezoresistive coefficients in longitudinal (πl) and transverse (πt) directions are 71.8 × 10−11

Pa−1 and -66.3 × 10−11 Pa−1 respectively, and these are assumed to be constant for the low
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doping concentrations (<1017 cm−3) [52, 24]. The targeted doping concentration is approxi-

mately 4×1018 cm−3, and it is relatively high but it will reduce the temperature dependency.

The output voltage of the Wheatstone bridge circuit, by considering geometry of piezoresistor

and doping concentration, is given by equation (3.14).

Vo

Vs

= (π44 × 0.141)(
l

h
)2(

WR

LR

)∆P (3.14)

where π44 is the piezoresistive coefficient, Vo is the output voltage, Vs is the input voltage, and

Lm is the length of the Si membrane.

Three different types of sensing techniques are investigated to measure the displacement in

the Si membrane and their performance is summarized in Table 3.1. The piezoresistor based

sensing principle is found to be suitable for the osmotic pressure sensor because of its advantages

such as simple fabrication and linear variation in the resistance with respect to the stress being

measured. Moreover, any additional electronic circuit is not required.

Table 3.1: Performance comparison

Sensing tech-
nique

Nonlinearity Sensitivity Gauge
Factor

Fabrication Temperature

Capacitive 21.36 % 0.038 91.3 Complex Independent
Piezoelectric 19.81 % 0.0077 18.5 Simple Dependent
Piezoresistive 0.82 % 0.054 130 Simple Dependent

3.4 Simulation Results

Design and simulation study of an osmotic pressure sensor are important steps for optimizing

its performance, cost and time. The commercially available FEM and FVM software tools are

used to understand the dependency of each design parameter on the performance of osmotic

pressure sensor, and finally to optimize the design. Initially, fluid flow through the semi-

permeable membrane is analyzed. The semi-permeable membrane is considered as porous

medium. The flow velocity through the porous medium is analyzed using the FVM tool.
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When the device is exposed to the fluid outside, having the same solution but with a different

concentration, an osmotic pressure difference across the semi-permeable membrane is created

and it leads to the flow of solvent in/out. P1 and P2 are pressures defined at inlet and outlet

respectively, and specified as the boundary conditions corresponding to glucose concentration

levels across the porous medium. Other patches are defined as walls such that no fluid can flow

across them. Initially, the flow rate is maximum and it depends on the ∆π and on the area of

the membrane since the ∆P is negligible. The ∆π across the semi-permeable membrane has a

positive effect on the flow rate. But as the time progress ∆P increases and it has a negative

effect on the flow rate, eventually at a certain point both become equal and this leads to a stop

of the flow of solvent through the semi-permeable membrane as per equation (3.2).

The relation between fluid and structure interactions are analyzed by coupling three different

equations. The Navier-Stokes equation solves the fluid flow through the porous medium, and

Arbitrary Lagrangian-Eulerian (ALE) method handles the dynamics of structural deformation.

The boundary motion is specified using the equation of a moving grid. The displacement in the

Si membrane is studied using the equations on theory of elasticity. The device is considered to

have two subdomains i.e. fluid and solid. The Si membrane on the top of the device is solid and

the square cavity on the bottom side is fluid. For the fluid structure interaction the boundary

condition is specified as fluid load. The in/out flow through the semi-permeable membrane at

the end of device cavity is specified as laminar. The imbalance in concentration levels across

a semi-permeable membrane develops an osmotic pressure which drags the solvent from the

lower concentration region to higher concentration region until the equilibrium is reached.

The material properties of Si and the piezoresistive coefficients for the P-type Si used in

this work are listed in Table 3.2 [24]. The reference glucose concentration inside the device

cavity is kept at 100 mg/dL. Fig. 3.7(a) shows the fluid velocity through the semi-permeable

membrane when the concentration outside is 150 mg/dL. The net flow of solvent through the

semi-permeable membrane creates a volume change inside the device cavity and causes the

displacement in the Si membrane. The displacement is approximately 1.13 µm after 15 min

when the device has the Si membrane dimensions 3 mm × 3 mm × 10 µm, as shown in Fig.
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Velocity field [m/s]

Max: 9.671e-10 

Min: 4.366e-30
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Time = 15 min

(a) (b)

Figure 3.7: (a) The relation between the fluid and structural interaction, and in the 2D plot, the
arrow indicates velocity field (b) 3D plot describes the displacement in the Si membrane for a fluid
load when the concentration difference is 50 mg/dL and after a time duration of 15 min.
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Figure 3.8: The stress is maximum at the edges of the Si membrane.

3.7(b). The displacement is maximal at the center and it is proportional to the volume change

inside the device cavity. The displacement in the Si membrane increases gradually and becomes

stable at one point after certain period of time, because ∆P approaches ∆π with time, and as

a result, the volume change inside the device is not enough to push the Si membrane further.

The displacement in the Si membrane introduces a stress which is maximum at the edges, as

shown in Fig. 3.8. The piezoresistors are arranged in Wheatstone bridge configuration on the

top of a Si membrane to measure the stress variation. The change in glucose concentration

39
TH-1374_086102081



3. Design and Simulation of an Osmotic Pressure Sensor

levels from a reference value of 100 mg/dL is measured in terms of output voltage.

Table 3.2: Material Properties

Material N-type Silicon
Young’s modulus (MPa) 1.30191 × 105

Poisson’s ratio 0.278
Shear modulus (MPa) 7.9624 × 104

Density (kg/µm3) 2.32899 × 10−15

Thermal coefficient (pW/µm
K)

1.48 × 108

Resistivity (Ω-cm) 7.8
Piezoresistive coefficients (MPa−1)
P-type silicon π11 = 6.6 × 10−5

π12 = -1.1 × 10−5

π44 = 98.03 × 10−5

The change in glucose concentration levels outside the device are measured with respect

to the reference solution. When the device is exposed to the glucose solution of different

concentration, for example 150 mg/dL, the solvent starts moves out from the device as long as

the ∆π is higher than ∆P . The flow of solvent across the semi-permeable membrane from the

device creates the volume change and this causes the displacement in the Si membrane because

the of its thickness is very small compared to semi-permeable membrane thickness of 178 µm.

The output voltage versus pressure for the different dimensions of the Si membrane are shown

in Fig. 3.9. The output voltage across the Wheatstone bridge is increased from a 0 to 21.2

mV approximately after 40 min for a device having Si membrane dimensions are 3 mm × 3

mm × 10 µm. Initially, ∆π is around 6.9226 kPa approximately and ∆P is close to zero. It

can be observed from Fig. 3.9 that the ∆P is increased to a 5.2 kPa and the ∆π is decreased

which is less than 6.9226 kPa. The sensitivity is 2.10 - 1.45 mV/V/kPa when the membrane

dimensions are 3.5 mm × 3.5 mm × 10 µm which is high compared to a devices having two

different thickness of 10 µm and 25 µm, but having the same area of 3 mm × 3 mm as shown

in Fig. 3.9.

The output voltage is linearly proportional to the ∆P when the Si membrane thickness is
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Figure 3.9: The output voltage corresponding to the glucose concentration of 150 mg/dL outside
the device.

25 µm compared to 10 µm. The nonlinearity will be more if the membrane thickness is small

as shown in Fig. 3.10. The nonlinearity is 12.65 % approximately for the case of device having

dimensions 3.5 mm × 3.5 mm × 10 µm which is very high compared to 3.29 % and 0.82 % for

the devices having two different thickness of 10 µm and 25 µm with the same area of 3 mm

× 3 mm. Another limitation with decreasing the membrane thickness is that the displacement

versus pressure relation equation (3.7) is not valid for the higher pressure values. So that

volume change inside the cavity and displacement in the membrane is not linear at higher

pressure values because of the elastic properties of material. It is good to limit the actuation

displacement of a device below the Si membrane thickness. The actuation displacement and

volume change are linear as long as the actuation displacement is considered to be small.

The design parameters associated with the cavity, actuation membrane, and semipermeable

membrane of the pressure sensor affect the performance of the device. The response time of

the device is related to the amount of volume flow across the membrane to the total volume

of the device cavity. If the ratio of change in volume inside the cavity to the total volume is
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Figure 3.10: The nonlinearity between output voltage and pressure, when the glucose concentration
is 150 mg/dL.

increased, it would lead to a decreased response time as per equation (3.15).

1

t
=

Kp

ηdm
A(σ∆π −∆P )

HA
(3.15)

where t is the response time, H is the height of the device cavity and A is the area of the semi-

permeable membrane. The response time is 60 min for the device having dimensions 3.5 mm

× 3.5 mm × 10 µm which is high compared to 35 min for the case of device having dimensions

2.5 mm × 2.5 mm × 10 µm. Reducing the size of the cavity decreases the response time,

however the sensitivity will be reduced. When the size is smaller, the filling of reference glucose

solution inside the cavity and sealing with a semi-permeable membrane is a challenging job.

Therefore the size of the cavity need to be carefully decided. The thickness of the Si membrane

and the area of the semi-permeable membrane also affect the performance of the device. If

the area increases, the volume flow increases and as a result response time will be decreased.

This is because, the rate of displacement is more, and the steady state value is reached very

quickly. The increase in area is not advisable because it brings nonlinearity to the system. The

response time can be decreased by constraining the displacement of the Si membrane, that is, by

increasing the thickness of the membrane. The disadvantage of increasing membrane thickness
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is that the sensitivity will be reduced. The thickness of the membrane decides the amount

of fluid that can pass through the semi-permeable membrane for a particular concentration

difference. The design parameters of an osmotic pressure sensor is summarized in Table 3.3.

Two different devices have been chosen with different Si membrane thicknesses of 10 µm and

25 µm, but having the same area of 3 mm × 3 mm.

Table 3.3: Design Parameters

Si membrane Area 3 mm × 3mm
Thickness 10 µm & 25 µm
Cavity
depth

475±2 µm

Semi-
permeable

Area 3 mm × 3mm

membrane Thickness 178 µm
MWCO zero

3.5 Summary

The structural and electrical behaviors of an osmotic pressure sensor were studied using

a commercially available FEM software tools. Three different types of pressure sensing tech-

niques such as capacitive, piezoelectric and piezoresistance were analyzed. The piezoresistive

pressure sensing technique has been chosen because of its linearity and simpler fabrication

steps compared to other two techniques. The fluid flow through the semi-permeable membrane

was analyzed using the FVM. The relation between the fluid structure interaction was studied

by coupling three different equations (Navier-Strokes equation, ALE, and theory of elastic-

ity). Finally, two different devices were chosen for the fabrication by considering the device

parameters.
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4.1 Introduction

In recent years, the advancement in the field of micro-machining technology has helped the

batch fabrication of MEMS devices such as a microactuators, micro-cantilevers and pressure

sensors for various kinds of applications. MEMS pressure sensors offer low cost and ease in

fabrication, and the process steps are compatible with the CMOS fabrication. However, the

challenging part is packaging of MEMS devices because most of them need to interact with

the environment [53, 54] such as fluids, chemicals, gases, temperature, sound or mechanical

excitations and moreover, the end results are measured in terms of voltage or displacement
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or flow velocity or change in resonance frequency. Finally, the device need to be packaged to

provide mechanical protection with provision for an interface between the MEMS device and

the environment to produce the desired output. MEMS devices require application oriented

packaging, and it is difficult to develop a standard method like in IC packaging [55]. The

packaging of MEMS devices is challenging compared to conventional integrated circuit (IC)

packaging, since many of the devices contain 3D movable structures which need to be protected,

and simultaneously meet the basic demand that packaging should not affect the performance

[56]. If the device experiences any stress during the packaging, it may lead to the deformation

of the device since the MEMS device are very sensitive to external stress. Generally, the

packaging cost can be upto to 80% of the total cost of a MEMS product because of its wide

range of applications [53, 57].

The materials adopted for the MEMS packaging are ceramic, metal, epoxy, glass and plastic

[58]. Indeed, cost-effective MEMS packaging methods are essential. Packaging of MEMS de-

vices are classified into three groups: wafer level packages, plastic molded packages and cavity

packages. In the case of wafer level packaging, device fabrication and packaging process are

fully integrated. Traditionally, Si and glass materials are greatly used in the MEMS device

fabrication and packaging because these materials show superior mechanical properties and are

suitable for many applications [59]. The glass cavities are used as a cap to provide the mechani-

cal protection and electrical isolation. And also the glass is used as a intermediate layer in wafer

level packaging. The difference in the thermal expansion between Si and glass induces stress

when they are bonded together. Plastic packaging like epoxy molding compound (EMC) mold

technique is promising for the MEMS devices as a result of its low price and simple process.

MEMS devices may be encapsulated by cap wafers before exploiting over-molding techniques,

just like the conventional IC packaging. However, the EMC shrinks and generates stress, on the

device during the curing process. MEMS devices are liable to external mechanical stress and

can affect the performance of the device, which to a certain extent may be reduced by using

EMC cavity packaging [53]. Cavity package consists of a substrate, a cavity wall, and lid on the

top. The cavity packaging is more suitable for MEMS device and it will be shielded from the
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external stress. Even though, ceramic and metal cavity packages provide great performance and

reliability, and they are limited in application because of the material cost is comparatively high

[58]. Packaging of Bio-MEMS affects the performance, because it involves high temperature

processing while embedding the device and sealing with cavity [56]. Bio-MEMS, especially for

those devices which interacts with fluids and other biological components, require alternative

soft or polymeric materials such as silicone rubber, polycarbonate (PC), isobornyl acrylate,

and poly-imide for the packaging [58, 60, 61]. Plastic cavities would be a great choice due to

reasons such as their formation at lower cost and their transparent properties [58].

In this chapter, we have focused on the fabrication and packaging of an osmotic pressure

sensor. The designed osmotic pressure sensor is fabricated by employing a bulk micro-machining

technology on a SOI substrate. This allows for batch fabrication as well as the integration of

electronic circuit on the same substrate. The device consists of a square cavity on the bottom

side with a thin Si membrane on the top and it is constructed by etching the bulk Si using the

DRIE Technique. The piezoresistors on the top side of a Si membrane are formed by boron

diffusion. The final step is metallization using the thermal evaporation technique to provide

the metal contacts for the piezoresistors. A routine I/V characterization has been carried out

to check the resistance value of the piezoresistors and metal contacts. The fabricated device

is packaged such that it can interact with liquids and gases. The device is packaged using

the Polycarbonate (PC) material by employing a simpler technique instead of following the

standard procedure for the packaging. Initially, the wafer is diced using the diamond cutter

to separate the individual devices. The device is bonded to the fabricated PCB for the wire

bonding. A PCB is attached into the PC flat sheet, and the electrical connections are isolated

from interacting with fluids, and the mechanical protection is provided on the top with a cavity-

cap. The advantages of the present technique are, the comparatively lower cost PC material and

the flexibility it provides to house wafer level devices, especially the ones used for the biomedical

devices like microactuators, glucose sensors and drug delivery pumps. The temperature required

to complete the process is low and therefore thermally induced stress are be reduced to a

certain extend. Moreover, we have not used any anodic bonding or lithography technique
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4.2 Fabrication of a Piezoresistive Pressure Sensor

in the suggested method. After packaging, the device performance is analyzed by applying

external pressure using a commercial blood pressure monitor. The pressure applied is 0 to 30

mmHg and the corresponding voltage measured across the Wheatstone bridge circuit is 0 to 18

mV. The sections of this chapter are as follows. The fabrication and packaging of piezoresistive

pressure sensor are presented in, section 4.2 and 4.3, respectively. The performance of the

device is discussed in section 4.4 and finally the chapter is summarized.

4.2 Fabrication of a Piezoresistive Pressure Sensor
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Figure 4.1: Process flow for the fabrication of piezoresistive pressure sensor.

The piezoresistive pressure sensor is fabricated on an N-type (100) double side polished SOI

substrate. The masks for the piezoresistors, back side etching and contact pads are graphically
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Figure 4.2: The cross sectional view of wafer after some of the major steps (a) Starting SOI wafer,
(b) Growth of SiO2 layer on Si, (c) Lithography and oxide etching to make windows for piezoresistors,
(d) Boron diffusion, (e) SiO2 deposition using PECVD, (f) Lithography and oxide etching to make
a window for back side Si etching, (g) Bulk Si etching using DRIE, (h) Aluminium deposition, (i)
Aluminium etching and (j) Top view of metal contacts.

designed and written using a Laser writer. Devices have been fabricated with different mem-

brane thicknesses of 10 µm and 25 µm, and having the same area of 3 mm × 3 mm. Fig. 4.1

summarizes the process flow employed for the realization of the designed piezoresistive pressure

sensor. Fig. 4.2 shows that the cross sectional view of the wafer, after some of the major steps

involved in the fabrication. The starting substrate is an SOI wafer of a thickness of 485 ± 2

µm, approximately, and it includes a 10-µm silicon at the top and 2 µm SiO2. The dimensions

were verified using an optical profilometer. Initially, one can focus on the wafer top surface,

and then, focus on background surface by changing the optical profilometry head in vertical (z)
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4.2 Fabrication of a Piezoresistive Pressure Sensor

direction. The difference in z value will give the wafer thickness. The wafer size was six inches,

but it has been diced into smaller portions of 2–3 inches to make the devices.

Figure 4.3: The samples are dipped in piranha solution for cleaning.

The resulting cross sectional view of a single device is shown in Fig. 4.2(a). The wafers

are cleaned using piranha solution (Fig. 4.3) and dipped in dilute hydrofluoric (HF) acid to

remove any native oxide present. A thermal oxidation (dry-wet-dry oxidation sequence) step

is carried out, at 1100 ◦C for 210 min, to grow a SiO2 layer on the Si surface as shown in Fig.

4.2(b). The measured oxide thickness (by Ellipsometer) is 1.12 µm which is close to the targeted

thickness of 1 µm. This oxide layer serves two purposes; first it provides an isolation between

piezoresistors and secondly, its use as a mask for the subsequent boron diffusion process.

The wafer is subjected to the first lithography step, in order to transfer the patterns for

boron diffusion. Prior to the photoresist coating the mask and the wafers are cleaned and

dehydrated properly. S1813, a positive photoresist (PPR) is coated on the front side of the

wafer over SiO2 using a spin coater. The cross sectional view after spin coating is shown in Fig.

4.2(c). Speed of the spin coater is set to 4000 rpm and spinning is carried out for 45 s, in order

to get the uniform thickness of 1.2 µm photoresist. The samples are prebaked at 95 ◦C for 1

min to harden the photoresist. Patterns are transferred onto the substrate after the exposure

to a constant UV dose of 95 mJ/cm2 using the EVG 620 mask aligner. The developed wafer

is wet-etched with buffered HF (BHF) acid to remove any oxide present in the windows. The

cross sectional view of the wafer after this step is shown in Fig. 4.2(c). The back side oxide
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is covered with wax for additional protection. The oxide on the back side is not removed as it

would act as a protection mask during the subsequent bulk Si etching. Fig. 4.2(c) shows that

the oxide is etched only in the windows opened for boron diffusion. Complete removal of the

oxide can be observed when the hydrophilic oxide is changed to a hydrophobic surface of the

Si. The same was confirmed by a microscope also.

P-type Si single crystal piezoresistors are formed by boron diffusion step and the cross

section is shown in Fig. 4.2(d). Boron diffusion is carried out in a thermal furnace using a

ceramic source of boron nitride (BN) disk. Initially, a constant source diffusion is carried out

at 950 ◦C for 15 min in the N2 (2 liters/minute) ambient in order to place a known dose in

a shallow layer on the surface of the Si. The BSG (borosilicate glass) deposited on the wafer

during this constant-source diffusion is removed using a BHF solution. The sheet resistance

measured after the pre-deposition is 98.51 Ω/m2. The boron is diffused deeper into the Si wafer

during a subsequent high-temperature limited-source diffusion (or drive-in) step. The oxide

grown during the annealing is removed using a BHF solution. The sheet resistance measured

after the drive-in is 158 Ω/m2. During the etching of the BSG, the thermally grown oxide on

the back side, has been thinned down and the cross-sectional view is shown in Fig. 4.2(d). In

order to etch the bulk of Si using a standard process like DRIE, the oxide mask need to be

thicker. The SiO2 layer is deposited on the back side using a Plasma Enhanced Chemical Vapor

Deposition (PECVD) step and the cross-sectional view is shown in Fig. 4.2(e). The total oxide

thickness measured (by Ellipsometer) is 1.5 µm.

A second lithography step is employed to transfer the patterns to the back side of substrate,

to define the windows for etching of bulk Si. Using a double side alignment technique, Mask-2

is aligned to the top side of wafer corresponding to the alignment marks formed during the

previous boron diffusion, and the wafer is exposed to UV for 5 s. The oxide is etched from the

opened windows using the reactive ion etching (RIE) step. The resultant cross-section is show

in Fig. 4.2(f). The DRIE is used to etch the bulk Si from the back side, to form a square cavity

reaching till the oxide layer. The Si is etched with two different recipes; the etch rate for the

recipe one is 28-29 µm/min and it is carried out for 15 min. The recipe two is 2-3 µm/min and
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it is carried for 10 min. The Si etching is stopped exactly at the buried oxide layer as shown in

Fig. 4.2(g).

(a)

I/V

(b)

Figure 4.4: (a) Metal contacts for the piezoresistors (b) and I/V characterization using DC probe-
station.

The next step is a metallization, to provide the metal contacts for the piezoresistors. A

200 nm thick aluminum is deposited on the top of wafer by thermal evaporation process and

resultant cross-section is shown in Fig. 4.2(h). After the deposition of aluminum, the wafers are

annealed in forming gas in order to reduce the resistance of the metal contacts. This reduction

is due to the expansion of crystal grain boundaries. Third lithography step is employed to

transfer the patterns for the metal contacts. Before coating the photoresist on the top side of

the substrate, the wafers are mounted on a dummy wafer, to avoid any breakage of the very

thin diaphragm formed after the bulk Si etching. The wafers are exposed to UV at a constant

dose of 95 mJ/cm2 and are developed to remove the photoresist from the exposed areas. The

step is shown in Fig. 4.2(i). Aluminum etching is carried out at room temperature with an

etchant (wet etching) and the metal contacts connected to the piezoresistors can be seen in

Fig. 4.2(j) and Fig. 4.4(a). After the device fabrication, the I/V characterization is carried

out using DC probe-station (Agilent 4155C) to check the metal contacts and resistance values

of the piezoresistors as shown in Fig. 4.4(b). The measured resistance value is 160±3 Ω/sq

approximately. The input voltage is varied from 1 V to 5 V and the corresponding current is

observed. The V/I ratio is found to be constant for most of the devices, for different input

voltages.
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4.3 Packaging of a Piezoresistive Pressure Sensor

The package, involves several processing steps, beginning with the dicing of device and

concludes with the sealing of device for the mechanical protection, each stage is monitored to

meet the desired performance. Fig. 4.5 summarizes the process flow developed for the packaging

of the fabricated piezoresistive pressure sensor. The wafer contains 9 devices with appropriate

spacing for the dicing as shown in Fig. 4.5(a). The wafer is diced using the diamond cutter

to separate the individual devices. A single device is shown in Fig. 4.5(b). After dicing, a

PCB is designed and fabricated according to the patterns of metal bond pads of the device and

their dimensions. The fabricated PCB contains metal bond pads made up of gold and a square

shaped window is provided in the center for the device housing. The device is bonded to the

PCB using a die bonding epoxy adhesive and the curing temperature is set at 150◦ C for 60

min. The top view of device after this step is shown in Fig. 4.6.

(a) (c)

(b)

(d)

(e)

(f)

Figure 4.5: Process flow for the packaging of piezoresistive pressure sensor (a) Device fabrication,
(b) Wafer diced using a diamond cutter, (c) Device embedded in a PCB, (d) PCB mounted on a PC
flat sheet, (e) Cross sectional view, (f) Top side sealed with PC cavity cap.

The electrical contact between the metal bond pad of the device and the pad on the PCB is

made by wire bonding. Wire bonding is an important process and the device performance might

get affected if the bonding strength is weak. Both PCB and device are cleaned prior to the

wire bonding to remove any dust particles and organic components present so that the bonding

strength is improved. The wire bonding is carried out using the wedge bonding technique and

the wire employed is of aluminium metal having a diameter 25 µm. After the wire bonding,
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Figure 4.6: The device is bonded into a PCB.

the device packaging is initiated. Polycarbonate material is chosen as the packaging material

and it has the excellent mechanical properties compared to other polymeric materials and it

is transparent in nature. The Young’s modulus and tensile strength of PC are 2.3-3 GPa and

60-70 MPa respectively [62]. PC is a soft and flexible material with processing temperature in

the range of 280-330◦ C. PC material is cheap and it is available as flat sheet with different

sizes in different thickness. However, the weakness of the PC is that it reacts with certain

chemicals such as solvents, aromatic hydrocarbons, esters, and ketones. Indeed, the traditional

wafer cleaning process is not feasible for PC, such that when it reacts with acetone, methanol

or isopropanol, a streaked white discoloration is observed. Therefore, PC is cleaned only with

water and then properly dehydrated.

The PC flat sheet is diced into the rectangular plates according to the desired dimensions.

The square window is opened in the middle of the rectangular plate using a Lathe machine.

This is to provide the housing for the PCB including the device. The PCB is mounted in a PC

flat sheet, and the device cavity on the bottom side is kept open such that it can interact with

the environment (osmotic liquids, gases, and external pressure) as shown in Fig. 4.7(a) and

Fig. 4.7(b). The M-Bond 200 adhesive is used to provide the bonding between PCB and PC

flat sheet. This process is carried out at the room temperature and it is very easy to handle,
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(a) (b)

Figure 4.7: (a) The device is mounted into a PC square cavity (b) and the square cavity of the
device kept open to interact with environment.

and cures almost instantly to produce an essentially creep-free, fatigue-resistant bond. Finally,

the top side is sealed with the square cavity cap made up PC flat sheet to provide mechan-

ical protection as well as the isolation for electrical contacts from fluids. Depending on the

application, the top side square cavity cap can be sealed permanently, or else a locking system

is provided between the top and the bottom plate. The provision is made for the packaged

device to interact with osmotically active liquids so that any change in osmotic pressure can be

monitored.

4.3.1 Fabrication of a Testing Chamber

The test chamber is designed and fabricated according to the dimensions of the packaged

device. The test chamber is fabricated using the polymethyl methacrylate (PMMA) glass.

The acrylic sheet thickness is 5 mm, diced into rectangular plates using the Lathe machine

and bonded with chloroform to make the rectangular cavity as shown in Fig. 4.8(a). The

rectangular cavity is filled with the solution under test. The inner dimensions of the testing

chamber are 80 mm length, 40 mm width, and the depth 20 mm. Provisions are made for inlet,

outlet and for placing piezoresitive pressure transducer on the top side of the testing chamber.

The packaged device can be fixed exactly into the test chamber so that it can interact with

fluids. Eventhough, this device is packaged for fluidic application, it can be used for other
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purposes such as measurement of external pressure, temperature and gases. The packaged

device is attached to the fluidic test chamber, to test the device for the fluidic applications as

show in Fig. 4.8(b).

(a) (b)

Figure 4.8: (a) Testing chamber with a rectangular cavity to fill the fluid (b) and the packaged
device is attached to the fluidic testing chamber.

4.4 Performance Testing

Figure 4.9: Packaging of a piezoresistive pressure sensor.

After packaging, the performance of the device is tested by applying an external pressure.

Fig. 4.9 shows the setup used to measure the performance of the piezoresistive pressure sensor.

During the packaging a provision was provided to facilitate the application of external pressure
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on the bottom side of the device. A small hole is made in the squared acrylic sheet, and it is

exactly matched to the cavity of the device on the bottom side. The squared acrylic sheet is

bonded to the packaging device using an instant adhesive material (Araldite Klear). A plastic

tube is fixed into the hole with the same adhesive material as passage for the external pressure.

The plastic tube has provision for a coupler by which the flow can be tuned on or off and it is

connected between blood pressure monitor and device as shown in Fig.4.9. The device is tested

by applying external pressure and its value is monitored using a commercial pressure gauge

which is already calibrated. The pressure applied is from 0 to 30 mmHg and the corresponding

voltage across the Wheatstone bridge configuration is 0 to 18 mV as shown in Fig.4.10. The

sensitivity of the pressure sensor is 0.120 mV/mmHg/V. The above data confirms that the

device is suitable for low pressure sensing applications. For the glucose sensing application one

is typically looking for a resolution of a 20 mg/dl which corresponds to 1.5 kPa for the pressure

sensor in this work.

0 10 20 30
0

0.005

0.01

0.015

0.02

Pressure [mmHg]

V
ol

ta
ge

 [V
]

 

 

Experimental

Figure 4.10: The output voltage observed across the Wheatstone bridge for the external pressure.

4.5 Summary

The piezoresistive pressure sensor was fabricated and it was packaged in a cavity made

on PC material by employing a simple technique. The packaging cost was low because of

56
TH-1374_086102081



4.5 Summary

the PC material and it does not need steps like a lithography, etching, or anodic bonding.

The temperature employed to house the device in the cavity on PC material was low there by

thermally induced stress was reduced. The voltage across the Wheatstone bridge was measured

by applying known values of pressure externally. The sensitivity of the sensor can be affected by

temperature variations. Further, the temperature effect on the packaged device was negligible,

and the device performance was tested by varying the temperature from 24-36◦ C. For a 24-36◦

C change in the temperature, less than 2% change in output voltage was observed and this

change was not very significant for the present application. The PC material provides excellent

mechanical properties and transparent in nature unlike the other polymers. Moreover, the

PC was a soft and flexible material, and it was a great choice for the packaging of actuators,

pressure sensors and the fluidic interaction devices. The PC seems to be a promising material

for the packaging of prototype devices and it dose not require any specific equipment. In a

laboratory setting, a manual operation would be enough to package the device with low cost.
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5.1 Introduction

MEMS devices are increasingly becoming popular owing to their wide applications. The

pressure sensors are integral part of many systems like sensing, diagnostic, glucose monitoring

or drug delivery. MEMS devices are integrated with fluidic devices or interacted with fluids

for specific applications of glucose sensing and insulin delivery. Chemical-free osmotic pressure

sensors are prominent for the glucose sensing application as these employ simple sensing tech-

nique. In 1996, Nagakura et al. [17] fabricated a chemical-free, autoregulated osmotic pump for

insulin delivery. An osmotic pump can delivery the insulin according to the change in glucose

concentration levels; however, their size is large (21 mm × 20 mm), and it is made from a poly-
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mer material. The osmosis principle is further exploited to develop an implantable devices [16].

Another implantable sensor, based on the volume change due to the flow of water across the

semi-permeable membrane, has been developed [18] to monitor osmotically active components,

such as glucose. It is capable of continuous glucose monitoring since the system is employed

with a feedback loop, but the system is large and has a longer response time. Although the

operation of these devices is free from chemical reactions, they suffer from having lower sensi-

tivity, longer response time and larger size. Hydrogels which have glucose affinity are employed

to improve the sensitivity and selectivity. The hydrogel is confined inside a pressure sensor to

facilitate the measurement of change in glucose concentration levels [21, 22, 23]. However, the

response time of theses devices are long.

In this chapter, we have demonstrated an osmotic pressure sensor, that utilizes the osmosis

principle to measure the glucose concentration levels. The geometrical parameters of the system

plays a major role and they determine the response time, sensitivity and linearity of devices,

and therefore efforts have been taken, to reduce the dimension of the presented system. By

considering these effects, two sets of devices having membrane thickness of 10 µm and 25

µm are tested and their results are compared with respect to each other. The osmotic pressure

sensor is successfully demonstrated for the measurement of different glucose concentration levels

ranging from 50 mg/dL to 450 mg/dL. Further, the simulation results are validated with the

experimental results. This chapter is further organized as follows. The section 5.2 experimental

setup. The results and discussions are presented in section 5.3 and finally, the chapter is

summarized.

5.2 Experimental Setup for an Osmotic Pressure Sensor

Fig. 5.1 shows the schematic diagram of the glucose sensor. The packaged pressure sensor

is attached to a fluidic test chamber, and its size is very large compared to the device. The

fluidic test chamber volume is kept around 64 mL compared to the device volume of 4.275 µL,

in order to maintain the glucose concentration in the test chamber constant during the process.

The pressure sensor has a square cavity, which is constructed on an SOI substrate by using

59
TH-1374_086102081



5. Experimental Setup and Testing of an Osmotic Pressure Sensor

Glucose Sensor

Testing chamber

Silicon membrane
Semi-permeable membrane

Square cavity

Metal contacts Piezoresistors

Inlet Outlet

Wire

Top side cavity

PCBCavity for
PCB housing

Wire

Figure 5.1: Glucose sensor based on osmosis principle. Inside the square cavity a reference glucose
solution of 100 mg/dL is placed. Inside the test chamber the glucose solution is varied from 50 mg/dL
to 450 mg/dL.

bulk Si micro-machining technology. Moreover, Si has excellent mechanical properties, which

are required for reproducible elastic deformations under identical loads [51]. DRIE technique is

used to etch the bulk Si from the back side to form a square cavity with a depth of 475 ± 2 µm.

Two devices are chosen with different diaphragm thickness of 10 µm and 25 µm, but having the

same area of 3 mm × 3 mm. The square cavity is filled with a standard glucose solution at a

reference concentration. A Si membrane is constructed on the top side, and a semi-permeable

membrane is used to seal the filled cavity on the bottom side. When the device is exposed to

glucose solution in the fluidic test chamber, due to osmosis, the solvent (water) diffuses into

the higher concentration side if there is a concentration difference across the semi-permeable

membrane. The in/out flow of solvent through the semi-permeable membrane introduces the

volume change inside the cavity, which causes a displacement in thin Si membrane (thickness

of 10 µm and 25 µm), compared to the firm semipermeable membrane (thickness of 178 µm).

5.2.1 Experimental Setup

The test setup as shown in Fig. 5.2, is prepared for the glucose sensor to measure any

change in glucose concentration levels. The square cavity on the bottom side of the glucose

sensor is cleaned using acetone and is followed by isopropyl alcohol (IPA) to remove any dust
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particles. White crystal powder of d-glucose (C6H12O6) is used to prepare glucose solutions

by adding the required amount of high purity deionized (DI) water. A glucose concentration

of 100 mg/dL is prepared by adding 100 mg of d-glucose in 100 mL of DI water. A series of

glucose solutions are prepared, having concentrations ranging from 50 mg/dL to 450 mg/dL,

by adding suitable amounts of d-glucose (i.e., 50 to 450 mg) into 100 mL of DI water.

Figure 5.2: Glucose sensor with a testing chamber attached on the bottom side.

Before the device cavity is filed with any solution the output voltage across the Wheatstone

bridge is measured to determine the offset voltage; it is approximately 1 mV. To begin the

testing, the square cavity is filled with a standard glucose concentration of 100 mg/dL. We use

an Accupipet (500 nl resolution) to fill the square cavity. An Accupipet of 0.5 µl resolution is

used to fill the square cavity. The cavity was filled very slowly in multiple steps with controlled

amount to avoid any air-bubbles. Even if some air-bubbles are trapped during the bonding

time, it will not be the problem because they can pass through the porous medium. Please

note that the device is not attached to the test chamber at this time. The filled square cavity is

sealed manually with a semi-permeable membrane. A cyanoacrylate based adhesive material is

used for attaching the semi-permeable membrane to the silicon. The glue swells in the presence
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of water due to rapid polymerization, forming long, strong chains, joining the bonded surfaces

together. Many trials are carried out on dummy samples by applying the glue fist and then

filling the solution. After many trials, it is found that it is better to fill the solution first and

then apply the glue, finally putting the semi-permeable membrane into place. A very sharp

needle is employed to apply the right amount of glue; this is done carefully under a magnifying

glass, not very close to the edge of the cavity. In this way any chemical interference between

the glue and the glucose solution is avoided, but at the same time the glue should be spread

close to the edge of the cavity while the pressure is applied for bonding. Once the glue is dry

it is found that it will no longer react with the glucose solution.

Device is sealed with semi-permeable membrane. The semi-permeable membrane (YM-

CESP3001, Sterlitech Corporation, Kent USA) employed is of a cellulose acetate material

having properties, such as 97% of NaCl rejection and a pH range of 2–8. The molecular weight

cut off (MWCO) of the membrane is zero. The MWCO defines the smallest solute that will

pass through a membrane, and larger particles above the MWCO are rejected. The molecular

weight of NaCl and glucose are 58.44 g/mol and 180.16 g/mol, respectively, and these molecules

may not pass through the membrane. In comparison to these the molecular weight of water

is 18 g/mol. The thickness and Young’s modulus of the membrane are 178 µm and 12.781±2

GPa, respectively. The empty porous portions of the membrane is filled with solvent once

the semi-permeable membrane comes into contact with the filled cavity, and subsequently, the

membrane becomes wet. Though, we have introduced a 100 mg/dL solution to the chamber,

some solvent is already absorbed by the membrane; therefore, the volume inside the cavity is

decreased, and its glucose concentration is also increased. This causes a displacement in the

membrane towards the cavity, and the output voltage is increased to 19.2 mV. Then, the device

is attached with fluidic test chamber, as shown in Fig. 5.2. To characterize the device response

time, the glucose concentration in the square cavity needs to be reset to the reference value of

100 mg/dL, i.e., the output voltage needs to be brought back to the reference value close to

zero. For this purpose, a glucose solution of 100 mg/dL is introduced into the test chamber,

where it is allowed to permeate through the semi-permeable membrane, to interact with the
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standard glucose solution in the device. The solvent moves from the test chamber into the

device cavity, in order to balance the osmotic pressure. The voltage is decreased from 19.2 mV

to 1.1 mV within 25 min. It has been observed that for the next 20 min, the variation in the

output voltage is negligibly small and reached the reference point (close to zero) after 45 min,

as shown in Fig. 5.3. In a separate measurement, a glucose concentration of 100 mg/dL is

placed in the test chamber for 720 min, and the output voltage obtained was constant for the

entire duration.
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Figure 5.3: The output voltage is decreased when the 100 mg/dL glucose concentration introduced
in the test chamber.

5.3 Results and Discussion

In this section, performance of the fabricated device is demonstrated successfully. The

simulation results of designed osmotic pressure sensor is compared with experimental results,

and followed by a comparison to other reported glucose sensors. After stabilizing the glucose

solution inside the device to a reference value of 100 mg/dL i.e the output voltage is close to

zero, then the 100 mg/dL in the fluid test chamber is replaced with 150 mg/dL, so that the

concentration difference across the semi-permeable membrane is 50 mg/dL and a corresponding

∆π is developed as per equation (3.2). This causes a net flow of solvent from the sensor cavity,
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which contains a lower concentration (hypotonic solution), into the test chamber having a higher

concentration (hypertonic solution). The volume inside the cavity decreases as the solvent pass

through the semi-permeable membrane into the test chamber, and it causes a displacement in

the Si membrane.
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Figure 5.4: The response of a sensor for the glucose solution of 150 mg/dL when the concentration
inside the cavity is 100 mg/dL.

Fig. 5.4 shows the change in output voltage corresponding to glucose concentration of 150

mg/dL outside the device. It is observed that the output voltage is increases linearly for a

certain period of time and it finally reaches a steady state value. The output voltage reaches

its maximum value of 21.6 mV after 40 min in the case of a device having the diaphragm

thickness of 10 µm. This voltage was higher compared to the case where the diaphragm

thickness was of 25 µm where, after 30 min it reached a maximum value of 3.8 mV as shown in

Fig. 5.4. Eventhough, the operation continues further, the change in output voltage obtained

is negligible. Further, the simulation results are closely matched with experimental results in

case of 25 µm device. We have observed a slight deviation between simulation and experimental

results for the 10 µm device and the error is about 10 %. The response time of an osmotic

pressure sensor is characterized as the time required to reach a 95% of the steady state value of

the output voltage for the change in glucose concentration in the test chamber (for example 150
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mg/dL) [10]. The sensitivity of the glucose sensor is desired output (voltage in this case) per

mg/dL of glucose concentration with respect to specific time and input source. The sensitivity

(output voltage per [mg/dL] per voltage per time) for the 25 µm device is approximately 0.5

µV/(V·mg/dL·min) and it is low compared to 10 µm device which is 2 µV/(V·mg/dL·min),

without any amplification of the output voltage. The sensitivity is high for smaller membrane

thickness, as expected, but at the cost of increasing response time and nonlinearity.
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Figure 5.5: The output voltage as function of time, for different glucose concentrations in the test
chamber.

The glucose sensor is tested with different glucose concentrations, ranging from 50 mg/dL

to 450 mg/dL. Fig. 5.5 shows the output voltage of the glucose sensor for the different glucose

concentrations. If Fig. 5.5 is extended till the settling time, the plots will be too crowded, and

hence, a format, like in Fig. 5.6, is opted for, for better visibility. In each case, the concentration

inside the cavity is reset to 100 mg/dL prior to the measurement of a new glucose solution in the

test chamber. The time needed to reach the maximum value of the output voltage is different

for each concentration, and it is shortest for the case where the test chamber contains the

highest concentration of glucose, as shown in Fig. 5.6. The difference in glucose concentration

across the the semi-permeable membrane with respect to the reference point of 100 mg/dL is

shown on the x-axis. For instance, when the glucose solution in the test chamber is 450 mg/dL,
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the output voltage attains its steady-state value within 15 min, as shown in Fig. 5.5. When

the concentration is increased from 50 mg/dL to 450 mg/dL, the output voltage across the

Wheatstone bridge is increased from -6.7 mV to 22.7 mV for the 10 µm device and it is from

-1.7 mV to 4 mV for the 25 µm device as shown in Fig. 5.7.
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Figure 5.6: Response time of the osmotic pressure sensor for the concentration difference across the
semi-permeable membrane.
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Figure 5.7: The output voltages obtained after 15 min of osmosis for different glucose concentrations.

The output voltage indicated in each case is the value obtained after 15 min of osmosis.

66
TH-1374_086102081



5.3 Results and Discussion

Fig. 5.7 summarizes the device behavior and provides a quantitative measure of the glucose

concentration in terms of voltage. The simulation results and the experimentally obtained

values are in close agreement for the 25 µm device, as shown in Fig. 5.7. However, a slight

deviation is observed between simulation and experimental results for the 10 µm device and

the error is about 10 %. The sensitivity obtained is in the range of 1 to 2 µV/(V·mg/dL·min)

for the 10 µm device which is high compared to 25 µm device and it is from 0.3 µV to 0.5

µV/(V·mg/dL·min), without amplification of the output voltage, for the corresponding glucose

concentrations ranging from 50-450 mg/dL. The variation in the output voltage is always found

to be proportional to the glucose concentration change. The error bars indicate the variation

observed during three consecutive measurements. The device is tested continuously for 8 days

with different concentrations to verify the endurance of the device. The variation in the output

voltage is always found to be proportional to the glucose concentration change. All the above

measurements are carried out in room temperature ambient (26 ◦C to 28 ◦C).

The percentage of error between simulation and experimental results ere 10 %. In the

simulation study ∆π = ∆P, when ∆w/∆t = 0. However, in practical situations, ∆P will not

reach to 6.9 kPa. This is because, as the Si membrane is being stretched, it brings increased

resistance to the fluid flow. Finally, it reaches the steady state and prevents further solvent flow.

The diffusion flow rate across the semi-permeable membrane is linear when the Si membrane

effect is not considered. However, in practical scenario, the Si membrane opposes the further

flow as the time progress because ∆P (the hydrostatic pressure when the effect of Si membrane

is considered) is not enough to push the membrane any further and the steady state condition

is already reached. Another reason might be the difference in deployment conditions.

The fabricated glucose sensor is able to measure a small variation (results for 50 mg/dL

are plotted, but it could be as low as 20 mg/dL) in the glucose concentration levels. The

performance comparison of the fabricated glucose sensors are presented in Table 5.1. The

response time of the present glucose sensor is 30 min, which is lower compared to other reported

works in [17, 21]. In the present work, the ratio of fluid volume change inside the cavity to the

total volume of the cavity is high compared to the sensor in [17], and therefore, the response
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Table 5.1: Performance comparison of fabricated glucose sensors.

Reference Basic Selectivity Any Measurement Response Device
principle/Sensing
mechanism

mechanical
excitations
involved?

quantity and
instruments

time
(min)

dimensions
(µm)

[10] Association/ Yes Magnetic Deflection is 3 ∼(600 ×
dissociation
(Viscosity
change)

excitation converted
to voltage
(Optical lever
system and
photodetec-
tor)

600 × 800)
Rectangular
cuboid

[11] Association/ Yes Magnetic Capacitance
is

1.5 500 × ∼500

dissociation
(Viscosity
change)

excitation converted
to voltage
(Built-in
capacitor)

× ∼530 )
Rectangular
cuboid

[12] O2 consump-
tion and

Yes No Deflection
(Atomic force

∼40 350 ×
35 × 1)
Cantilever

production
H2O2 (Surface
stress change)

microscope
and posi-
tion sensitive
detector)

[17] Osmosis (Vol-
ume change)

No No Displacement
(Laser dis-
placement
meter)

120 21000 ×
20000
Cylindrical

[21] Association/ Yes No Pressure 60±15 3180 ×
dissociation
(Pressure
change)

(Piezoresistive
pressure
transducer)

∼420 Cylin-
drical

[Present
work]

Osmosis (Vol-
ume change)

No No Voltage
(Built-in
Wheatstone
bridge)

30 & 40 3000 ×
3000 ×
650 Square
cuboid
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time is shorter. Nevertheless, the response time of the present work is much higher when

compared to a value of 1.5 min reported in [10, 11]. The response time is much smaller in

those glucose affinity sensors [10, 11, 63], because the time needed for the glucose molecule

to associate/dissociate with the polymer is smaller. The response time is high for the glucose

sensor in [21], even though it involves chemical binding, due to the expansion or contraction

time required for the hydrogel. In the case of the glucose affinity smart hydrogel, glucose solute

molecules permeate through membrane [10, 11, 21], where in the present work, the solvent

molecules flow through the semi-permeable membrane. Moreover, the present work is related

to the volume change inside the cavity with respect to the change in glucose concentrations,

which finally brings a deflection in the Si membrane, and like in [10, 11, 12, 21, 63], neither

any chemical reactions nor any mechanical excitations are involved, so that the lifetime of

the device is improved. The sensing mechanism employed in the present work is very simple

compared to the other glucose sensing devices, as the variations in the glucose concentration

levels are directly measured in terms of voltage, with the help of a simple Wheatstone bridge

and a battery. In the case of the capacitance change reported in [11, 63], an external circuit

is employed to convert the changes into a voltage. Another sensing mechanism is optical in

nature, and the one required to detect the deflection in the cantilever beam corresponds to

glucose concentrations [12]; such a method is not suitable for implantation purposes, and it is

unstable in a mobile environment. Further, the present work requires very simple fabrication

steps, and it is smaller in size compared to the sensor in [17]. The device lifetime of the present

sensor is expected to be longer, since there are no chemical reactions involved.

The device might respond not only to glucose, but to similar substances, like de-hydration,

ethanol, lactic-acid, amino acids, ascorbic acid and mannose [64, 22], if there is a substantial

change in their concentration levels, and this will cause interference. Normally, the lactic-acid

concentration levels are small, but during exercise, these will rise to higher levels. The ethanol

and amino acids concentration levels are related to dietary aspects, and they can be maintained

in a normal range, though they cannot be controlled at a constant level. The interference from

other substances needs to be addressed for the improvement of this sensor. The selectivity of this
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sensor may be improved by employing glucose affinity materials, like hydrogel or Concanavalin

A-dextran [21, 22, 23], in the device instead of a standard solution. The sensing material

employed in [22, 23] consists of Con A, which possesses an affinity toward glucose, and the

equilibrium is perturbed by glucose binding to lectin, triggering a dissociation of dextran that

is proportional to the increase in glucose. In addition to Concanavalin (Con) A-dextran, one

needs a special semi-permeable membrane that allows selective diffusion of glucose across the

membrane, but that prevents the transport of larger molecules, such as peptides or proteins,

or other potentially interfering molecules, such as lactate or polysaccharide, contained in body

fluids [65]. Generally, cellulose acetate (CA), cellulose ester and polyamide (PA) membranes are

used in glucose sensing application based on the osmosis principle [22, 23, 65, 66]. The cellulose

membranes present chemical and biological resistances to the body and are not suitable for a

long-term implant. Anodic aluminum oxide (AAO) membranes have found acceptance for a

wide range of bio-medical applications [23, 65].

5.4 Summary

The concept of osmosis based pressure sensor is extended to a specific application of glucose

sensing. We have demonstrated a device to measure changes in glucose concentrations outside

with respect to the reference solution of 100 mg/dL inside the cavity. A system in which

piezoresistive pressure sensor was attached to a fluidic test chamber and a test setup was

prepared to measure the glucose concentration levels in the test chamber. The performance

of the fabricated device was studied for different glucose concentration levels. A sensitivity

of 1 µV to 2 µV/(V·mg/dL·min) was obtained for device having membrane thickness of 10

µm compared to 0.3 µV to 0.5 µV/(V·mg/dL·min) for 25 µm thick membrane, without any

amplification of the output voltage. The simulation and experimental results were closely

matched. The response time of the designed devices was found to be smaller and the output

voltage corresponding the glucose concentration variation was found to be proportional.
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6.1 Introduction

Insulin pumps are used to deliver exogenous insulin to compensate lack of indigenous insulin

from the pancreas. These pumps act as artificial pancreas for delivering insulin but they cannot

sense glucose levels automatically, like the pancreas in a human body. There are different ways

to take the insulin into the human body, most popular methods are intravenous, subcutaneous,

and intraperitoneal routes [4]. In all these external infusion techniques, infection risks are

very high. The advancement in the field of micro-machining technology has led the design of

miniature devices for the controlled insulin delivery. Many kinds of micro-pumps have been
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proposed for the drug delivery applications, particularly where devices are used in the field of

chemical and bioanalytical sciences [67]. Different types of techniques are developed to pump

the fluids at microscale, which incorporates mechanical propulsion driven by the pressure or

the piezoelectric phenomena, electro-wetting, thermo-capillary pumping, electro-hydrodynamic

pumping, and an AC electro-osmosis. However, the disadvantage of those systems are the use

of external energy; such as pressure, temperature gradients or high applied voltages; others use

moving elements or produce pulsating flow.

The conventional insulin delivery pumps use mechanical strokes [17] to deliver insulin and

it may leads to error in the infusion because of the aging problems in the mechanical parts.

In this chapter, we present the design of an AC electro-osmotic pump for the insulin delivery

application. The AC electro-osmotic micro-pumps seem to be promising for the drug delivery at

micro and nano-scale, due to the absence of moving parts and it is relatively easy to integrate

with a glucose sensor. The micro-pump employed in this work differs from others in the

literature in the following ways. The flow velocity is increased by increasing the number of

electrodes which are placed on both sides of the channel wall [68, 69]. The drug delivery rate

will be constant if all the electrodes are arranged into a single set. In order to vary the drug

delivery rate, the electrodes are arranged into four sets. This method produces different flow

rates from a constant power source. A controlled drug delivery is achieved by switching the

input voltage from set1 to set4 according to the insulin delivery requirements. Moreover, the

electrodes in the micro-pump are driven by low amplitude AC voltage of low frequency f0 and

therefore suitable for low power portable devices. The low frequency is chosen to avoid the

any transient effects and to maintain the unidirectional fluid flow. An additional advantage of

employing low-voltage is the absence of electrolysis in the system. The sections of this chapter

are as follows. The basics of electro-osmosis principle and the design details of electro-osmotic

pump explained in section 6.2 and 6.3 respectively. Simulation results of an electro-osmotic

pump is discussed in section 6.4 and finally the chapter is summarized in section.
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6.2 Electro-osmosis Theory

Electro-kinetic phenomena are widely used for transfer of liquids at the micro/nanoscales

and are essential components in microfluidic lab-on-a-chip devices because they contain no

moving parts [69]. A periodic array of electrodes are designed onto an insulator substrate

(glass) as show in Fig. 6.1. The electrodes are of equal width and are driven by a AC signal of

four phase. When a fluid is introduced into a microchannel, the surface charge density induces

the formation of a double layer in the fluid by attracting oppositely charged ions from the

electrolyte to the immediate vicinity of the wall. The magnitude of this charged double layer

is governed by the zeta potential of the channel liquid pair. When the chamber is filled with

a liquid (electrolyte + insulin) having the conductivity σ and permittivity ǫ, part of its solid

surface acquires a surface charge, known as an electric double layer which is formed at the fluid

solid interface and its characteristic thickness is negligibly small (∼ 10 nm) compared to the

other dimensions of the micro-pump. When an AC voltage is applied to the electrodes, the

electric field generates an induced charge in the double layer. The electric field acts on the

charge, pulls the fluid in the direction of the traveling wave, giving rise to a net fluid flow [69].

Glass substrate

Electrodes

240 µm

160 µm

0º

180º90º 270º
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Figure 6.1: A periodic array of microelectrodes.

The AC low voltage is chosen such that the Faradaic currents from electrode to electrolyte

are absent. Indeed, the power supply is a major concern for the biomedical devices because

73
TH-1374_086102081



6. Design of Controlled Drug Delivery Pump for Insulin Delivery Application

the lifetime and size of the system is affected by battery durability. Therefore, operation under

low voltages, improves the lifetime and size. The frequency of the applied signal is low enough,

i.e. ωλ2
D/D ≪ 1, the double layer in quasi-equilibrium. Here ω is the angular frequency, D is

the mean diffusion coefficient of the ions and λ2
D = ǫ/σ is the time an ion takes to travel the

Debye length by diffusion. The ions can equilibrate locally, for periods of the applied signal

much greater than λ2
D/D. The flow velocity of the micro-pump depends on the frequency and

amplitude of the applied signal, and on the electrolyte conductivity. The fluid velocity will

be zero both at low and high frequencies [70], because most of the applied voltage is dropped

across the double layer and bulk electrolyte, respectively. The typical transition frequency, f0,

is much smaller than the charge relaxation frequency of the bulk electrolyte.

f0 =
σ

2 · π · ǫ
(6.1)

where σ and ǫ are the electrical conductivity and permittivity of the electrolyte, respectively.

The fluid velocity at the surface of the electrodes has been formulated by the Helmholtz-

Smoluchowski. The relation between electro-osmotic velocity and the tangential component of

the applied electric field is given by the equation.

v =
ǫ ·∆φ

η
Ex (6.2)

where η is the viscosity of the fluid, ∆φ is the potential drop across the diffuse double layer

and Ex is the tangential electric field outside the double layer.

6.3 Design of an Electro-osmotic Pump

The insulin pump is an AC electro-osmotic pump with traveling wave electrode arrays as

shown in Fig. 6.2. The micro-pump consists of an array of 48 interdigitated electrodes coated

on a glass substrate. The electrodes are 20 µm wide and separated by distance of 20 µm. These

electrodes are arranged into four sets as shown in Fig. 6.2. The electro-osmotic pump can be

integrated with glucose sensor since there is no moving parts involved, and therefore the insulin

delivery is easily auto-regulated with the help of a control unit, if the glucose concentration levels
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are ceaselessly monitored. Fig. 6.3 shows the glucose sensor is integrated with electro-osmotic

pump through a control unit. Generally, the output voltage of the glucose sensor increases

corresponding to the change glucose concentration levels in the human body from a normal

level. The advantage of this method is that the micro-pump delivers the insulin with different

flow rates according to the level of glucose concentration. The set1 operates continuously to

provide the background minimum insulin needed for the patient. If the glucose concentration

levels are increased after the food intake, the input voltage is switched from set1 to set2-set4
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depending on the insulin requirements.

6.4 Simulation Results

The main aim of the simulations is to understand and optimize the each parameter of the

electro-osmotic pump to achieve the desired results. The simulations are carried out using a

commercially available MEMS software tools. Initially, the electro-osmotic pump 2D model is

created and the meshing has been achieved using the triangular elements. The extremely fine

mesh is employed where the fluid is interacting with the electrodes on the glass substrate, and

the normalized mesh is used for the remaining part to improve the computational speed. The

electro-osmotic pump is simulated with a electrolyte fluid, and corresponding fluid properties

are assigned. The electrolyte fluid considered in this work is potassium chloride (KCl) with

a conductivity of 1.3×10−3 S/m and a permittivity of 80.2×ǫ0. The Navier-Strokes equation

describes the fluid flow in the micro-pump. The boundary conditions for the electro-osmotic

pump are assigned. The pressure at the inlet is specified as zero. The fluid velocity at the outlet

depends on the applied input voltage and frequency. The fluid velocity at the glass surface is

zero. The applied input voltage is 1 V peak-to-peak at a frequency of 500 Hz. The input AC

voltage on consecutive electrodes is phase-shifted by 90 degrees. This produces a traveling wave

potential having a wavelength of 160 µm and 240 µm as shown in Fig. 6.1. Each electrode in

the set is driven with an input AC voltage when it is operated and the electrodes in other sets

are grounded. The set1 consists of 12 electrodes and these are 20 µm wide and separated by a

distance of 40 µm.

Initially, the fluid flow velocity across the outlet of the micro-pump is 32 µm/s approxi-

mately, when the set1 is operated as shown in Fig. 6.4. The fluid velocity is increased from

32 to 107 µm/s as per the requirements by switching the input voltage from set1 to set4 as

shown in Fig. 6.5. But the same is not possible with a single set of electrodes and it can de-

liver the insulin with a constant flow rate. The insulin delivery is auto-regulated by switching

the voltage between the four sets according to the glucose concentration levels. The height

of the electro-osmotic pump has the great influence on the fluid flow velocity at the outlet of
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Figure 6.4: The fluid velocity at the outlet of the micro-pump when the set1 is operated.
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Figure 6.5: Flow velocity at the outlet of the micro-pump.

the micro-pump. Fig. 6.6 plots the horizontal fluid velocity as function of height above the

electrodes. The pump behavior is analyzed in terms of voltage and frequency by measuring the

fluid velocity with respect to the height above the electrodes.

In an AC electro-osmotic pump, the geometry of the device influences the overall pumping

performance in more than one way. Unlike a DC electro-osmotic pump, where the velocity is
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Figure 6.6: Flow velocity versus height of the micro-pump.

maximum and constant over the entire cross-section, AC electro-osmotic pump gives an oscillat-

ing flow velocity. The geometrical effect is that the outlet height can induce flow recirculation

within the pumping channel, when the outlet height is smaller than the micro-pump [69]. If

the outlet is smaller than the micro-pump, its hydraulic resistance will be larger and a portion

of the liquid will circulate back in the upper part of the micro-pump, where it encounters a

smaller resistance. In addition, the electrodes lie on the same plane, and the shape of the

applied electric field is circular [71] and the motion of the liquid immediately above the surface

of the electrode will follow such a shape. The fluid velocity is moving opposite direction when

the height of micro-pump is above 140 µm. The height of the micro-pump and chamber width

are optimized to 140 µm and 300 µm, respectively.

6.5 Summary

The AC electro-osmotic pump was designed to provide the controlled drug delivery. The

micro-pump consists of a 48 electrodes and these were arranged into four sets to provide the

different flow rates with a constant source. The flow velocity at the outlet of the electro-osmotic

pump was increased from 32 to 107 µm/s, when the input voltage changed from set1 to set4.
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6.5 Summary

The height and width of the micro-pump was 140 µm and 300 µm respectively. This electro-

osmotic pump has the potential to deliver the insulin according to glucose concentration levels

if it is integrated with a continuous glucose monitoring system.
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7.1 Conclusion

The work carried out in this thesis was divided into two parts. The first part presented the

design of a high sensitivity SiO2 microbridge. The second part presented the main contribution

of the thesis i.e. the design, fabrication, packaging and testing of a chemical-free osmotic

pressure sensor to measure the change in glucose concentration levels.

An osmotic pressure sensor was designed to measure the change in glucose concentration

levels. The structural and electrical behavior of device, and the fluid flow through the semi-

permeable membrane were analyzed using commercially available FEM and FVM software

tools. The relation between the fluid structure interaction was studied by coupling three dif-

ferent equations (Navier-Strokes equation, ALE, and theory of elasticity). The effect of geo-

metrical parameters on the device performance were observed through the simulation studies.
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7.2 Future Work

By considering the response time, linearity and sensitivity, finally, two devices having different

diaphragm thickness of 10 µm and 25 µm, but with the same area of 3 mm × 3 mm were

chosen.

The designed osmotic pressure sensor was fabricated using bulk micro-machining technology.

The device was packaged in a cavity made on PC material by employing a simple technique.

The packaging cost was low because of the PC material and it does not need steps like a laser

dicing, lithography, etching, or anodic bonding. The temperature employed to house the device

in the cavity on PC material was low there by thermally induced stress is reduced.

The concept of osmosis based pressure sensor is extended to a specific application of glucose

sensing. We have demonstrated a device to measure changes in glucose concentrations outside

with respect to the reference solution of 100 mg/dL inside the cavity. A sensitivity of 1 µV to 2

µV/(V·mg/dL·min) was obtained for device having membrane thickness of 10 µm compared to

0.3 µV to 0.5 µV/(V·mg/dL·min) for 25 µm thick membrane, without any amplification of the

output voltage. The simulation and experimental results were closely matched. The response

time of the designed devices was found to be smaller and the output voltage corresponding the

glucose concentration variation was found to be proportional. Finally, an AC electro-osmotic

pump was designed which provide the controlled drug delivery. The micropump consists of a

48 electrodes and these were arranged into four sets to provide the different flow rates, but

operated from a single power source. The flow velocity at the outlet of the electro-osmotic

pump was increased from 32 to 107 µm/s, when the input voltage switched from set1 to set4.

7.2 Future Work

Continuous monitoring of glucose concentration levels and continuous insulin delivery are

very challenging tasks. The design of a control unit and its integration with an electro-osmotic

pump and a glucose sensor for continuous insulin delivery may be investigated. An auto-

regulated insulin delivery, with different flow rates, according to glucose concentration levels

can be the goal of such a system.

The present work can be extended to the design and fabrication of an artificial pancreas.
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7. Conclusion

Two different devices may be fabricated on the same substrate, one is an osmotic pressure

sensor and other is a micro-actuator. For the osmotic pressure sensor, one can employ glucose

in solution form and for microactuator purpose, one can use a gel type smart material which

has glucose affinity. The displacements occur in both devices are used for a controlled drug

delivery if the microfluidic pump is attached to the movable membrane of the sensor. Thereby,

the response time and selectivity may be improved.

Design of a surface acoustic wave (SAW) device may be investigated for glucose sensing

application. The glucose affinity smart material can be employed as sensing material in this

case also. The advantages of such a system will be its high selectivity, low response time and

simple fabrication process.

7.3 List of Publications

International Journals

• Nagesh Ch and Roy Paily, ”High Sensitivity Microbridge for Molecular Sensing Applica-

tions, International Conference on Design and manufacturing”, IConDM 2013, Procedia

Engineering, Elsevier, Volume 64, Pages 234-243, 2013.

• Nagesh Ch and Roy Paily, ”Fabrication and Testing of an Osmotic Pressure Sensor for

Glucose Sensing Application.” Micromachines 5, No. 3: 722-737, 2014.

• Nagesh Ch and Roy Paily, ”Design of an Osmotic Pressure Sensor for Sensing Osmotically

Active Substance”. J. Micromech. Microeng, Volume 25, No 04, 5019 (PP9), 2015.

National/International Conferences

• Nagesh Ch and Roy Paily, ”FEM AND FVM Simulations of Osmotic Microactuator”, fifth

ISSS National Conference on MEMS, Smart Materials Structures and Systems, Karpagam

University, Coimbatore, India, September, 2012.

• Nagesh Ch and Roy Paily, ”A Cost-effective Piezoresistive Pressure Sensor Packaging
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for Biomedical Applications”, Seventh ISSS International Conference on Smart Materials

Structures and Systems, Indian Institute of Science, Bangalore, India, 2014.

• Nagesh Ch and Roy Paily, ”Design of an Electro-osmotic Pump for Controlled Drug
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