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ABSTRACT 
 
 
 

IMPLANTABLE DRUG DELIVERY SYSTEM WITH AN  
 

IN-PLANE MICROPUMP 
 
 
 
 
 

Publication number_____. 
 
 
 

Amit A.Mhatre, M.S. 
 
 

The University of Texas at Arlington, 2006 
 
 
 

Supervising professor: Dr. Dan Popa  
 
A MEMS based Implantable Drug Delivery System (IDDS) is discussed. The heart of 

the system is an in-plane MEMS micropump enables us to make a compact, inexpensive 

system. A conceptual IDDS design is proposed. This design consists of an implantable 

unit which houses the micropump, electronic and power circuitry. This implantable unit 

is connected to a subcutaneous port via a silicone catheter. The subcutaneous port acts 

as a refillable reservoir. This leads to a reduction in unit volume and makes the system 

customizable. The IDDS pumps drug into surrounding tissue with the help of a MEMS-

based micropump. The force generated by the MEMS actuator and the displacement of 
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the tip is determined with the help of FEM simulations using ANSYS. The results from 

the displacement were verified experimentally. A lumped parameter model was made to 

estimate the flow rate through the outlet of the IDDS.  

Microfluidic interconnects to the micropump were fabricated and packaged. Packaging 

of interconnects uses processes like anodic bonding, microdrilling and fibre alignment.  

Future work will be focused on refining the IDDS model, conducting experiments to 

measure tip-force of pump actuators, experimental measurement of the flow generated, 

and implementation of electronic, RF and power components of the IDDS.         
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 CHAPTER 1 
 

INTRODUCTION 
 

1.1 Motivation 

        In recent years there has been an increased effort to improve the efficiency of drug 

delivery. It is estimated that demand for drug delivery systems will grow nine percent 

annually through 2007 in United States alone [1]. Although controlled release pills 

remain the single most dominant drug delivery method, there has been an increased 

interest in miniature drug delivery systems for delivery of hormones, anticancer agents 

and vaccines. Rapid advances in medicine call for rapid changes in drug delivery 

mechanisms. Lower side effects, effective drug delivery, ease of use, lower cost and 

maintenance and patient comfort assume highest priority. Pumps are routinely used in 

drug infusion. The types of pumps explored in the past are Peristaltic, Osmotic and 

Pneumatic pumps [2-3]. Peristaltic pumps are commonly employed in biomedical 

applications, since the fluid path is completely isolated from the electrical path and is 

free of any form of contamination due to interaction with the pump components. 

 The objective of this research is to accomplish controlled drug delivery with a MEMS-

based Implantable Drug Delivery System (IDDS). MEMS is short for 

Microelectromechanical Systems. MEMS technology involves integration of 

mechanical elements, sensors, actuators and electronic elements on a common silicon 

substrate through microfabrication technology. The ability to behave in a noncontinuous 
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or discrete fashion, which may closely mimic the metastability of living organism and 

the potential for miniaturization are the greatest strengths of using MEMS in biomedical 

applications [28]. One of the strongest motivations for this project was the availability 

of an in-plane micropump [13]. In contrast to traditional peristaltic micropump designs 

[10], which use an out-of-plane pumping diaphragm, we fabricate the actuators, 

diaphragms, reservoir and I/O fluidic valves in a single layer. The unpackaged 

dimensions of the pump are 7 mm x 6 mm. Most of the micropumps existing today are 

made up of multiple stacked layers and each layer has a single function such as a 

diaphragm, a valve or an actuator. This type of design requires wafer bonding with 

precise alignment and many different materials, for instance silicon, glass and piezo-

ceramics. The large number of fabrication steps lead to increases in micropump costs. 

The use of our in-plane micropump will enable a more cost effective, reliable and 

precise delivery of small drug volumes.   

The proposed implantable drug delivery system (IDDS) has a unique sub-cutaneous 

port which acts as the reservoir. Most of the existing IDDS systems have reservoirs that 

are included in the implantable system. By using a sub-cutaneous port we ensure 

biocompatibility and customization according to the drug requirement of the patient 

thus providing flexibility. The dosage, infusion rate and drug combination is varied 

depending on the type of clinical condition, patient response to treatment and the 

experience of the physician. Our initial target is the delivery of cancer medications. This 

treatment requires repeated low dosage infusions over many months, and the comfort of 

the patient can be greatly improved by the use of a compact system. Combining the 
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MEMS micropump with RF Telemetry will allow wireless monitoring and control of 

parameters such as the drug flow rate, reservoir level and also level of battery charge. 

1.2 Contribution of this thesis 

     An extensive survey of implantable devices in general and implantable drug delivery 

systems in particular was performed. The survey also covered the field of drug delivery 

which ranges from controlled delivery pills to implantable polymer implants and drug 

delivery systems. Different issues concerning implantable devices and drug delivery 

were studied so were the feasibility and advantages of using MEMS based implantable 

devices. Biocompatibility studies performed for MEMS materials as well as other 

common materials used in implantables were surveyed. Information about the FDA 

rules and regulations regarding the implantable devices was obtained and considered in 

the design. 

A conceptual design of the IDDS was proposed, as shown in the figure 3.1. Structural 

and coupled field analyses were performed for the electrothermal actuator of the 

micropump. FEA simulations results include stress distribution, temperature distribution 

and displacement resulting due to the joule heating of the actuator. The force generated 

at the tip was calculated using a spring damper element.  

The displacement of the actuator was experimentally verified by using a SUSS 

Microtech EP4 Probe Station.  

A dynamic lumped-parameter model for the micropump was proposed. The model took 

in to account the venous back pressure. Resulting differential equations were solved 

numerically in MATLAB  to obtain the output flow rate of the system. The force was 
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previously obtained by FEA simulations was used in the lumped parameter model. 

Based on these simulation results we estimate that the micropump will be capable of 

pumping 80 µl/min of drug.  

Microfluidic interconnects were fabricated to provide the interface for the micropump 

and the macroworld. The fabrication process involved microdrilling of 750 micron 

holes in Pyrex glass, anodic bonding of the glass and silicon wafer, and testing the 

interconnects. The experimental set-ups for capillary alignment, anodic bonding and 

curing of epoxy are described in this thesis. 
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CHAPTER 2 

BACKGROUND 

2.1 Field of controlled Drug Delivery 
 
In this chapter we make a case for the medical need for an implantable drug delivery 

system.  It is helpful to understand how a drug works in order to understand why we 

need to control the drug dosage and localize its spread in the area of interest. Most 

drugs act by inhibition of an enzyme or interaction with a receptor while a few directly 

interact with the DNA. A drug is not effective if it is not present at its site of action for 

an adequate amount of time. The dosages are administered such that the therapeutic 

level of concentration is maintained in the targeted tissue as illustrated in figure 1. 

 

The route and method of drug administration influence the kinetics of biodistribution 

and elimination and, therefore, the effectiveness of the therapy. The most popular drug 

administration mode is oral delivery since it is painless, uncomplicated, and self 

T

X

X = Therapeutic level.

1 2 3 4

1, 2, 3…= Doses

Fig. 2.1 Drug dosage to maintain therapeutic level. 
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administered. Unfortunately it is also the most wasteful and as many drugs are degraded 

in the intestinal tract or not absorbed in sufficient quantities to be effective. Such drugs 

have to be administered by other means such as intravenous, intramuscular, or 

subcutaneous injection.  

Modern drugs are becoming more and more potent due to new discoveries. Our 

understanding of the physiology and anatomy is advancing, and fields such as genomics 

are aiding in the discovery of new targets and drugs. Such potent drugs carry serious 

side-effects when they spread to portions of the body where they are not intended to. 

Conventional means of drug delivery fail to ensure that the drug reaches only the 

intended tissue. This is where the field of controlled drug delivery comes in to fulfill 

three objectives. First is to deliver the drug directly to the tissue and thus lessen the 

spread to other parts of the body. Second, the controlled release of the drug is also more 

efficient thus the amount of drug used is less, lowering the cost of the treatment. Third, 

it allows reaching higher localized concentrations thus making the treatment more 

affective [4].    

Implantable controlled drug delivery methods are also useful to deliver medication to 

those parts of the body which are immunologically isolated and regular modes of drug 

delivery cannot reach them, for example, the cornea.  

The field of controlled drug delivery today employs mechanisms such as transdermal 

patches, polymer implants, bioadhesive systems, and microencapsulation [5]. 

Several devices that fall in the above category have been approved by FDA. They are 

well established and having been available in the market for a while now. 
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 2.1.1 Transdermal patches 

        Transdermal patches generally have hollow microneedles made of a biocompatible 

polymer through which the drug is delivered below the skin. Transdermal patches have 

several advantages compared with other methods of drug delivery: they are painless, the 

drugs are not degraded in the gastrointestinal tract, and they provide a constant dosage 

without the need for patients to remember to take their medications [9]. A well-known 

example for transdermal patches is the nicotine patch.    

2.1.2 Polymer implants  

           Polymer implants are biodegradable polymers loaded with the drug molecules. 

The polymer degrades when it comes in contact with bodily fluids and in the process 

releases drug molecules. The rate of degradation of the polymer, and hence the drug 

release, can be optimized by modifying the properties of the polymers. The polymer 

material which are most widely used for these application include, but are not restricted 

to, Polyglycolic acid(PGA), Polylactic acid(PLA), Polyurethane and the combinations 

of these in different proportions[6]. 

2.1.3 Bioadhesives  

           Bioadhesives are substances which form bonds with biological surfaces. The 

most common substances which are used in this case are polymer hydrogels. The 

principle of operation is similar to polymer implants in this that they too are loaded with 

drugs and release drugs at a specific rate when in contact with body fluids. Hydrogels 

are water-swollen polymer networks. The polymer chains may be held together by 

either physical forces or covalent cross-links. Hydrogels can be commonly found, in 
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areas as diverse as food (e.g. gelatin or starch gels), household products (e.g. alginate 

gels in air fresheners), personal care (e.g. polymers in disposable nappies) and the 

chemistry/biochemistry lab (e.g. agarose and poly (acrylamide) gels used in 

electrophoresis). By design of the hydrogel components, they can be made responsive to 

their physical or chemical environment. For instance, poly (N-isopropyl acrylamide) 

undergoes a thermal transition. At a temperature of 35-40 ºC it collapses into a denser, 

more compact structure due to a switch in the balance of solution and hydrophobic 

forces as the temperature is raised [6]. 

2.1.4 Microencapsulation 

          Microencapsulation refers to the method of covering the drug molecule with a 

material which will prolong the time before the drug is resorbed, so that it will remain 

in the viable state and will be released when it reaches the intended destination. There 

are variety of ways in which microencapsulation is done. Some of them are use of 

polymer microspheres, liposomes, nanoparticles etc [9]. 

The above devices are “passive devices” and deliver the drug gradually in very small 

amounts with precision. But they are not capable of delivering the drug in a non-linear 

fashion or “on demand”. They cannot be programmed to deliver drug when required 

and stop when not required.  

2.1.5 Some important passive devices 

          There are some drug delivery devices which deserve a special mention. 
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             2.1.5.1 Microchip drug reservoirs 

         These devices came out of the lab of Dr. Robert Langer lab at MIT. It is one of the    

                    

Fig. 2.2. Microchip drug reservoir.   

very first truly MEMS-based drug delivery systems (figure 2.2). The design 

incorporates multiple sealed compartments, which are opened on demand to deliver 

dose of a drug [5]. Fabrication of these microchips began by depositing, 0.12 mm of 

low stress, silicon- nitride on both sides of prime grade, (100) silicon wafers using a 

vertical tube reactor. The silicon nitride layer on one side of the wafer was patterned by 

photolithography and electron cyclotron resonance (ECR) enhanced reactive ion etching 

(RIE) to give a square device (17mm x 3mm x 17 mm) containing 34,480 square 

reservoirs. The silicon nitride served as an etch mask for potassium hydroxide solution 
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at 85.8ºC, which anisotropically etched square pyramidal reservoirs (b) into the silicon 

along the (111) crystal planes until the silicon nitride on the opposite side of the wafer 

was reached. The newly fabricated silicon nitride membranes completely covered the 

40±60 mm square openings of the reservoir. Gold electrodes (0.3 mm thick, with a 

0.01-mm chromium adhesion layer) were deposited and patterned over the silicon 

nitride membranes by electron beam evaporation and lift-off. A 0.6-mm layer of plasma 

enhanced chemical vapor deposition silicon dioxide was deposited at 350.8ºC over the 

entire electrode containing surface. The silicon dioxide located over portions of the 

anode, cathode and bonding pads were etched with ECR-enhanced RIE to expose the 

underlying gold film. This technique was then used to remove the thin silicon nitride 

and chromium membranes located in the reservoir underneath the gold anode. 

                

 2.1.5.2 Immuno-isolating capsules 

               These devices are not drug delivery systems in the conventional sense. They 

deliver insulin in the body but rather than store it in the device they contain pancreatic 

islet cells which make insulin and deliver through the nanoporous membrane of the 

device. Microfabrication techniques have been applied to create a biocapsule for 

effective immunoisolation of transplanted islet cells for the treatment of diabetes [7]. 

The fabrication of nanochannels in the membrane structure consists of two steps. First, 

surface micromachining nanochannels in a thin film on the top of a silicon wafer. 

Second, releasing the membrane by etching away the bulk of the silicon wafer 

underneath the membrane. These nanopore membranes (figure 2.3) are designed to 
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allow the permeability of glucose, insulin, and other metabolically active products, 

while at the same time, preventing the passage of cytotoxic cells, macrophages, and    

 

Fig. 2.3 Micrograph of a biocapsule membrane with 25-nm pores. 

complement. The membranes are bonded to a capsule that houses the pancreatic islet 

cells. Because the difference in the size of insulin, which must be able to pass freely 

through the pores and the size of the IgG immunoglobins, which must be excluded, is  

only matter of a few nanometers, the highly uniform pore distribution provided by 

micromachine membranes is essential for effective immunoisolation and therapeutic 

effect. 

 
Fig. 2.4 Diffusion chamber (Debiotech-Lausanne, Switzerland). 
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             2.1.5.3 Diffusion chambers 

               Figure 2.4 is a diffusion chamber from Debiotech Inc. They hold a cargo of 

drugs and are sealed with a semi-permeable membrane. These are used for delivering 

fairly large amount of drugs and in some cases more than one drug. The membrane 

surface area is large compared to the reservoir resulting in the increased delivery rates. 

These reservoirs are generally not used for long term delivery [12]. 

              2.1.5.4 Diffusion controlled implanted tubes 

             These use a narrow aperture to provide a slow delivery rate of drugs. They are 

used for long-term release of highly potent drugs, with the release times it the order of 

years. A good example is the five-year-duration birth control implants based on 

elastomeric tubes [8]. A similar example is that of the DurosTM  osmotic pump from 

ALZA Corporation. This non-biodegradable, osmotically driven system is intended to 

enable delivery of small drugs, peptides, proteins, DNA and other bioactive 

macromolecules for systemic or tissue-specific therapy.  

The DUROS® implant is a miniature cylinder made from a titanium alloy, which 

protects and stabilizes the drug inside, using ALZA's proprietary formulation 

technology. Water enters into one end of the cylinder through a semi-permeable 

membrane; the drug is delivered from a port at the other end of the cylinder at a 

controlled rate appropriate to the specific therapeutic agent. The delivery can be over a 

period of 12 months.  
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Fig. 2.5 Duros osmotic pump (Alza -Mountain View, CA, USA).  

 

2.2 Implantable pump systems 

Conventional controlled-release formulations are designed to deliver drugs at a 

predetermined, preferably constant rate. Some clinical situations, however, necessitate 

either external control of the drug delivery rate or a volume of drug that is beyond the 

capabilities of the existing controlled release formulations. Implantable drug delivery 

systems have been devised to meet these situations [9].  

The primary characteristic that distinguishes a pump from other controlled-release 

systems is that the primary driving force for delivery by a pump is not the concentration 

difference of the drug between the concentration and surrounding tissue, but rather, a 

pressure difference. This pressure difference can be generated by pressurizing a drug 

reservoir, by osmotic action, or by direct mechanical actuation.  

The first such device to see extensive clinical use was reported in the early 1970s [10]. 

The development and commercialization of the unit was a joint effort between industry 

and academia, in this case the University of Minnesota and the Infusaid Company. It 

used a bellows-type pump activated by partially liquefied Freon. The Freon was 
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reliquified with each transcutaneous refill of the implantable device, and the 

administration of the drug was constant. There were no electronics or batteries in the 

device. But the later devices by the same company and Medtronic came with significant 

advancements. These more sophisticated units include a refillable reservoir, a 

mechanical pumping/valving mechanism, advanced electronics that control the drug 

administration and which can be programmed telemetrically from outside the body, and 

a primary lithium battery [10]. 

The ideal drug delivery system should have certain characteristics. It must deliver a 

drug within a range of prescribed rates for extended periods of time (usually the range 

of drug delivery rates is in tens of µl/min). It should include features such as reliability; 

chemical, physical and biological stability; and be compatible with drugs. The pump 

must be non-inflammatory, nonantigenic, noncarcinogenic, nonthrombogenic, and have 

overdose protection. The pump must be convenient to use by both the patient and the 

health professional, have long reservoir and battery life, easy programmability, and be 

implantable under local anesthesia [9]. There must also be a simple means to monitor 

the status and performance of the pump, and both the interior and exterior of the pump 

must be sterilizable. [9] The pump must maintain accuracy and precision of delivery 

over a period of 2 to 5 years to justify the surgery associated with implantation of the 

pump. 

The presence of a finite reservoir life, a finite battery life, patient-to-patient variability 

in drug demand or long-term changes in an individual patient’s drug demand require 

that the implantable device be convenient to use. This is in addition to any requirement 
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for a simple means to adjust the delivery rate in accordance with the physiological 

effects of the drug. 

The reservoir should be as large as possible. Reservoir life is determined by the drug 

requirement and the maximum concentration of drug that can be used, as dictated by 

constraints of viscosity, drug stability, or availability. The reservoir should be easily 

refillable in case the life of the reservoir is less than 2 to 5 years. 

Battery life should also be more than the 2 to 5 year which is the pump life. Thus we 

have to consider the power requirements of the system accordingly. Alternatively, 

rechargeable batteries or a transcutaneous energy-transmission system can be used to 

supply the required power. These alternatives must obviously be designed with the 

safety and convenience of the user in mind.  

The other considerations include the need for a means of continuous mentoring of the 

current status and performance of the implanted device. Parameters may include current 

delivery rate, accumulated drug delivered, and amount of drug remaining in the 

reservoir. Warning indicators need to be developed in the event of too low or too high a 

delivery rate, low battery power, low reservoir content, or any mechanical or electrical 

failure. 

2.2.1 Clinical conditions that can be treated 

  The implantable drug delivery system has helped patients with cancer pain, 

nonmalignant pain, or spasticity due to cerebral palsy, brain injury, multiple sclerosis, 

spinal cord injury and stroke. 
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2.2.2 Examples of important devices currently in use  

             2.2.2.1 Medtronic Synchromed 

            The most widely used implantable drug delivery system is the Minimed 

Medtronic Insulin delivery pump. As the name suggests it is used as artificial pancreas 

for patients with Diabetes Mellitus.  

                              

 Fig. 2.6 Minimed pump and external communicator (Medtronic-MN, USA).  

The Minimed pump (which is the maker of the pump later acquired by Medtronic) has a 

peristaltic minipump which deliver 0.50µl per stroke. Depending upon a patient's 

insulin requirements, the implantable insulin pump reservoir is refilled with fresh 

insulin every two to three months. A needle is inserted through the skin into the pump 

fill port. To assure refill safety, the negative pressure in the pump will automatically 

draw the special U-400 insulin from the syringe into the reservoir only after the needle 

has been securely connected inside the fill port [11].  

The body of the implantable pump is made of Titanium which is the preferred choice 

for biocompatibility considerations. The battery used is carbon monofluoride which 

lasts for 6 to 7 years at the least. It can be programmed with an external communicator 

seen in the figure 2.6. The pump is 8.1 cm. in diameter and 2.0 cm thick.  
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The safety features include negative pressure reservoir with passive filling, pump 

system error shut down, unique code sequencing to synchronize pump and PPC 

(Personal Pocket Communicator). All operating functions are continuously monitored 

by safety electronics included.     

            2.2.2.2 Debiotech 

            The MIP implantable pump will perhaps be the first MEMS based implantable 

pump to enter the market. It is proposed that it is going to be the heart of a high 

performance programmable implantable drug delivery system [12].  

 

Fig. 2.7 MIP implantable MEMS pump (Debiotech-Lausanne, Switzerland).  

The MIP is a piezo-actuated silicon micropump. The working principle is a volumetric 

pump with out-of-plane pumping membrane, which compresses a chamber in a 

reciprocating movement and which is associated to a pair of check valves in order to 

direct the liquid flow. The chip is a stack of four layers bonded together: two (purple) 

silicon plates with micromachined pump structures and two (dark blue) glass pieces 

with through-holes. Added to the stack is a piezoelectric ceramic disc (green), 

responsible for the actuation and two titanium fluid connectors (gray), hermetically 

joined to the chip [12]. 
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CHAPTER 3  

THE IDDS SYSTEM 

3.1 Conceptual Design 

The IDDS system proposed in this thesis has the following components: a. micropump 

b. reservoir c. control circuitry and RF telemetry c. power module, as shown in figures 

3.1 and 3.6.  

. 

Fig. 3.1 Conceptual Design. 

3.2 Components of IDDS 

3.2.1 Micropump 

     The micropump is an on-demand active device that can be electrically controlled to 

deliver specific volumes of therapeutic agents. The micropump provides the driving 
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mechanism to deliver the drug from the reservoir to the catheter.  The requirements for 

drug delivery include small size and high reliability. The IDDS should be capable of 

delivering drugs against a back pressure of blood in the range of 8mmHg to 12mmHg in 

the veins or greater than 120mmHg in the arteries. The IDDS uses an “in-plane” silicon 

pump [13] fabricated from silicon-on-insulator (SOI) wafer by deep reactive ion etching 

(DRIE) process, as shown in figure 3.2.  

 

                                                          Fig. 3.2 In-Plane micropump. 

3.2.2 Reservoir 

       The reservoir plays an important role in determining the size of the implantable 

device. Our reservoir is similar in design to the vascular access ports. These ports have 

been demonstrated to have good bio-stability and bio-compatibility [10]. The reservoir 

should have smooth contours, hold at least 5 ml of the drug and be easily accessible for 

refilling. A subcutaneous position for the port-like reservoir was chosen for the IDDS. 
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The size of the reservoir can be varied based on need at the same time retaining the size 

of the pump. For reasons of biocompatibility, titanium or Silicone reservoir will be 

used. It must be noted that there is no set dosage for continuous infusion for 

Chemotherapy. The dosage, infusion rate and drug combination is can vary depending 

on the treatment requirements. 

 

Fig. 3.3 Subcutaneous ports as reservoirs (INSTECH SOLOMON- 
           PA, USA). 

 
The port is connected to the implantable unit via a catheter. In figure 3.3 to the left is  
 
the Titanium port and to the right is the Polymer port. 
 
3.2.3 Power management 

            Without taking into account the power required by the RF unit, the estimated 

power consumption for the target 10 µl/min delivery rate is in the range of 100-500 

mW. This figure is estimated based on the power consumption of the micropump 

necessary to generate required diaphragm displacements.  

As a result, commercially available miniature lithium-ion batteries [11-12] would 

discharge in less than 48 hours continuous operation. Therefore, a power management 
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system employing recharging of the power source is necessary in the IDDS. One 

possibility is recharging from outside of the body using through-skin electrical 

interconnects. A much better alternative would be wireless power transmission using 

RF coils [13-14]. 

One of the teams at ARRI is in the process of developing a combined miniature RF 

power recharging and telemetry system for the proposed IDDS [31].  

3.2.4 Control and telemetry circuitry 

Micro 
Pump

Base 
Statio  

(a) 

     
(b)                                             (c) 

Fig. 3.4 (a) Telemetry set up (b) transmitted and  (c) received signal 

In figure 3.4 the telemetry test setup is placed 5m apart. The transmitted signal is a 1.2 

mVp-p amplified by a factor of 2000 and received signal is 191 mV. The modulated 

signal  is a 1 KHz sine wave with a 433 MHz carrier [31]. 

The telemetry module consists of a transmitter unit and a receiver unit. The transmitter 

includes operational amplifiers, amplifier circuit, a miniature antenna and a transmitter 

chip. The receiver has a receiver chip and signal conditioning circuitry. The antenna 

chosen is a Copper solenoid of 24 turns. The antenna is soldered on a small printed 

circuit board with the transmitter chip and lumped elements with operating frequency of 

191 
mV 2.08 

V 
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433 MHz. The range of operation is sufficient for the since the base station will be close 

to the patient when the physician monitors and programs the implanted unit.  

Figure 3.4 shows the signal received from a transmitter-receiver separated by a distance 

of 5 m. A 1 KHz sine wave was used to modulate a carrier of 433 MHz. It demonstrated 

clear communication between the transmitter and receiver. The transmitted signal is 1.2 

mVp-p amplified by a factor of 2000. The received signal is filtered by a bandpass filter, 

300 Hz – 10 KHz, to reduce noise, especially 60-Hz power line signals and interference 

from other wireless instruments  

Our goal is to integrate the telemetry and microfluidic devices to deliver a completely 

implantable drug delivery mechanism, including power management, size 

considerations and control circuit integration.     

 

 

 

 

 

                                         Fluid connects.                                          Electrical connect     

Fig. 3.5 Block diagram.  

Reservoir

µpump Control 
Circuit

RF  
Circuit

Power 

catheter 
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Block Diagram (figure 3.5) shows the relationship between the different components of 

the IDDS. Figure 3.6 shows the proposed internal arrangement of the different 

components of the IDDS.  

 

Fig. 3.6 Internal arrangement of components (proposed)  
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CHAPTER 4 

MODELING AND SIMULATION  

4 .1  The electrothermal actuator 
 
 
The actuator used in the in-plane micropump to displace the diaphragm is a v-beam 

electrothermal actuator. The electrothermal actuation principle is found to be providing 

more force than other actuation principles employed in MEMS actuators such as 

electrostatic, piezoelectric etc. The electrothermal actuator works on the principle of 

Joule heating which states that when a current passes through a resistor the material’s 

resistance causes heat, the magnitude of which is proportional to the resistance and 

square of the current. The figure below is an example of a chevron-type v-beam 

actuator we are using [24-27]. 

 

Fig. 4.1 SEM Photograph of a Chevron-type actuator.  

350µm
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The actuator is a monolithic silicon structure. It was manufactured by deep reactive ion-

etching (DRIE) of silicon on insulator wafer. The fabrication was carried out at Stanford 

Nanofabrication Facility (SNF). The actuator dimensions were 12 (width) x 100 

(height) x 1200 (length) µm3
 and the rib angle θ was 5.7°. 

The actuator consists of two contact pads for electric contact, the V-beams which are in 

contact with the pads and a central beam which is connected to the diaphragm or in 

some cases to a lever which amplifies the displacement of the actuator. When electric 

current is passed through the actuator the V-beams which have much smaller cross-

sectional area as compared to the other components of the actuator offer higher 

resistance to the current and thus get heated and expand. This expansion of the beams is 

used to actuate the diaphragm. This expansion is dependent on the voltage applied to 

the pads. The voltage applied in the form of a pulse of a certain frequency produces the 

strokes of the actuator on the diaphragm. Thus ultimately, the pump flow rate is a 

function of two variables i.e. the voltage and the frequency.  

Modeling and simulation and optimization of the electrothermal actuator which was a 

slightly different design were reported in [13]. The power consumption was 2 W and 

the observed deflection was 30 µm at 12 V. It was observed that as the voltage goes on 

increasing, the silicon starts to melt due to high temperature and thus the rate of increase 

of deflection decreases. The goal of optimization was to reduce the driving power while 

achieving the desired pumping stroke and force [13]. Optimization was carried on with 

the help of MATLAB. The results showed that a larger value of the rib angle of 15° 
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made the actuator stiffer so that it could withstand the reaction forces of the leaver 

mechanism. The driving power was optimized to 1 W.  

 

Fig. 4.2 Electrothermal actuator (present design). 
 
The lower portion of the actuator is connected to the diaphragm (or the lever that 

connects to the diaphragm.) 

4.2 Closed-form calculation of actuator-force 
 

We would like to calculate the volumetric flow that can be delivered by the pump. For 

that, we need to estimate the pumping force. We can do that by: (1) Calculation with 

lumped-parameter model (2) Finite element analysis (FEA). Below we show direct 

calculation of actuator force.   

Here is an analysis of a single beam under electro thermal load similar to the one in 

[23]. For simplicity the single beam actuator can be considered for analysis as a one-

dimensional problem to find the forces generated. A single beam, when temperature is 

940µm
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different from the ambient temperature either contracts or expands. This change in 

length can be given by,  

∫=Δ
L

dxxTTL
0

)()(α ……………………………………………………………….(4.2.1) 

Where α(T) is the thermal expansion coefficient. Assuming that α(T) is constant for 

various temperatures, the equation of thermal expansion can be simplified as,  

∫=Δ
L

dxxTL
0

.)(α      ……………………………………………………………….(4.2.2) 

The application of voltage across the beam induces thermal expansion when current 

passes through the beam. The electrical energy will be converted to thermal energy at a 

rate given by,  

RIEthermal
2=       (W), …………………………………………………………… (4.2.3) 

Where I (A) is the current and R (Ω) is the electrical resistance of the beam. 

For finding the change in beam length and the force generated, it is necessary to find the 

temperature distribution within the beam, which can be described using the following 

equation 

02
2

2

=+ ρJ
dx

Tdk    ………………………………………………………………...(4.2.4)  

Where J is the current density, ρ is the resistivity of the beam, and k is the thermal 

conductivity (W/m-Kelvin). In practice, both resistivity ρ and thermal conductivity k 

change with temperature. The variation of resistivity ρ has been widely documented 

[26, 27]. Assuming k is a constant and the resistivity of the beam changes linearly as the 
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temperature varies, then k is taken equal to the value when evaluated at room 

temperature and  

 )](1[0 sTT −+= λρρ …………………………………………………………… (4.2.5) 

Where ρ0 is the resistivity at Ts (ambient or surrounding temperature) and λ is the linear 

temperature coefficient. Equation (4.2.4) can be written as follows, 

0)](1[0
2

2

2

=−−+ sTTJ
dx

Tdk λρ  ………………………………………………….(4.2.6) 

The solution of the above differential equation is a combination of a homogeneous term 

and a non homogenous constant. 

xx
s cebeTxT ττ

λ
−+++=

1)(    ……………….……………………………………...(4.2.7)    

Where .0

k
J

λρ
τ =  is the solution of the second order characteristic equation 

00
22 =− λρττk . In equation 4.2.7 b and c are constants and can be determined by 

boundary conditions. 

The solution of (4.2.6) which equation (4.2.7)can be proved in the following way,  

Deriving equation 4.2.7 twice with respect to x, weget, 

xx eceb
dx

Td ττ ττ −+= 22
2

2

. 

Substituting the values of 2

2

dx
Td , T(x) and value of τ in equation 4.2.6 we get,  
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2
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Dividing the above equation by λρ0
2J   and simplifying we get, 

011
=+−−−−++ −−

s
xtx

s
xx TcebeTcebe τττ

λλ
.  

Thus proved that (4.2.7) is the solution for (4.2.6). 

 

 

Fig. 4.3 Boundary conditions for the beams. 
 

In Figure 4.3, the temperature of the pads is kept at Ts=30ºC. Thus we get two boundary  

conditions at the end x=0 and x=2L. Cross-sectional area of beam is 10 µm x 100µm.  

In our case the boundary conditions are, 

T(x=0) = Ts,             …………………………………………………………………………………………………… (4.2.8) 

sTLxT == )2(  (L is Length of one beam =450µm)………………………………………………………(4.2.9) 

Using the boundary condition (4.2.8), 

T(x=0) = Ts = Ts + cb ++
λ
1   ……………………………………………………(4.2.10) 

Using the boundary condition (4.2.9), 

x 
Y 

X=0 X=2L 

Ts TS 
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lL
ss cebeTTLxT 221)2( ττ

λ
−+++===    .………………………………………(4.2.11)  

From (4.2.10) and (4.2.11) we get, 

λ
ττ 122 −=+ − LL cebe ………….. …………………………………………………(4.2.12) 

and 

λ
1

−=+ cb   
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Substituting the value of c in (b+c) above we get, 

)
)(

)1(1( 22

2

LL

L

ee
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Substituting (4.2.13) and (4.2.14) in (4.2.7) we get, 
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Now the average temperature in the beam is given by, 

∫=
L

avg dxxT
L

T
2

0

.)(
2
1  ……………………………………………………………. (4.2.16) 

Thus substituting (4.2.15) in (4.2.16) we get,  
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The maximum force in the beam is given by,  
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LTAEF avgt 2α=    ……………………………………………………………… (4.2.18) 

Where, 

A= cross-sectional area, 

E= Young’s Modulus  

 

Fig. 4.4 Force-balance diagram for the v beam.   

From the figure 4.4,  

For points 1 And 3  

∑ = 0F Hence Ft=R1 (reaction of Ft at point 1)………………………………..(4.2.19) 

In x-direction of node 2 

∑ = 0xF  Hence F t cosθ – Ft cosθ=0      ……………………………………..  (4.2.20) 

 ∑ == θsinttotalyy FFF  

Thus, 

Fy= FtSinθ ……………………………………………………………………….( 4.2.21) 

If you have N pairs in an actuator the value of force becomes, 

θsintyTotal NFF =  …………………………………………………………….. ..(4.2.22) 

Current density J is the current per unit cross-sectional area, so we get, 

1

2 

3

R1

Ft 

Ft 

R1

Ft

Ft
Ft

θ 

FtSinθ 

FtCosθ
θ
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I = J A.  (I= current through the conductor, A=cross-sectional area) …………....(4.2.23)  

The current can be calculated from the resistance(R) and voltage (V), 

A
lR ρ

=   (l = 2L (Length of the beam), ρ=Resistivity)…………………………...(4.2.24) 

Using the relation V=I x R, and then substituting (4.2.24) in (4.2.23) we get,  

l
V

A
IJ

ρ
==     ……………………………………………………………………(4.2.25) 

Taking V= 18volts and substituting values of ρ and L we get, 

J=3.9 x 1013A/µm2. 

We assume λ to be 1.25 x 10-3/˚C [31]. 

Substituting value of λ, J, k and ρ0 in
k

J
λρ

τ 0= , we get, 

τ =  204.16   

Substituting the values of λ, L, Ts and τ in equation (4.2.17) we get,  

Tavg = 607.132˚C    

Substituting in (4.2.18) with values of E and α form Table 1 we get,  

Ft=2.1857mN.    (Here θ=5.47 º)  

Total force in the y-direction for 5 pairs beams will be,  

Fy= 5x2.1857x0.09 = 0.9836 mN (Total force in the y-direction). 

 

4.3 Analysis and simulation of actuator using FEA  

We carried out the FEA analysis on the actuator in order to determine the tip-force, the 

displacement and temperature distribution. The analysis showed how these parameters 
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change with the changing temperature. 3D model of the actuator was built with 

Solidworks. The model was than imported in ANSYS 9.0.  The multiphysics capability 

of ANSYS 9.0 was employed for the analysis. The volume was meshed with the 

coupled-field element SOLID98. SOLID98 is a 10-node tetrahedral element. The 

element has a quadratic displacement behavior and is well suited to model irregular 

meshes. This element type has default degrees of freedom as UX, UY, UZ, TEMP, 

VOLT and MAG. This element simulates the coupled thermal-electric-structural 

response. The material properties of silicon were obtained from manufacturer and 

ANSYS literature and are given in the table 4.1.  

Table 4.1 Material properties of Silicon 

 

Material properties 

           

Values 

Young’s Modulus(E) 169 x 103 MPa 

Poisson’s ratio(ν) 0.22 

Resistivity(ρ0) 5 x 10-12 ohm-µm 

Coefficient of thermal expansion(α) 2.9 x 10-6/˚K 

Conductivity(k) 150 x 106 pW/µm˚K 

 

The volume was meshed with the elements. The displacement of pads and other 

surfaces which were immovable was restricted in X, Y and Z. The temperature of 30ºC 

was applied on the pads. Positive voltage was applied on one of the pads from 8 to 19 in 

the steps of 2. The other pad was kept at 0V. Displacement and temperature for each 
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voltage were observed and noted. Here the displacement of the actuator refers to the 

displacement of the tip of the actuator which will be attached to the diaphragm. Also, 

the actuator temperature refers to the maximum temperature among all points on the 

actuator.    

 

Fig. 4.5 FEA simulatedY-Displacement of electrothermal actuator in microns. 
 

 The figure 4.5 shows the displacement in the Y-direction for the actuator at 14V. It 

shows that the maximum displacement in the Y-direction occurs at the tip of the middle 

beam of the actuator which is indicated by the letters MX in the figure.     

y 

x
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Fig. 4.6 FEA simulated Y-displacement of tip at various input voltages. 
 

The plot 4.6 shows an exponential increase in displacement with increasing 

temperature.  

 

 
 

Fig. 4.7 Temperature distribution at 14 V. 
 

y 

x
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In the figure 4.7 we see that the highest temperature of 126ºC is reached at the tip of the 

actuator indicated by the letters MX. The temperature decreases as we move from the 

middle of the actuator towards the pads.   

 
 
 
 
 
 
 
 
 
 

 
 
 
 
 
 
 
 

Fig. 4.8 Plot of Temperature Vs input Voltage. 
 

In the figure 4.8 we see that the temperature increases exponentially with the increase in 

the input voltage.   

4.4 Tip-force determination with the help of ANSYS 9.0 
 
Determination of force produced by the actuator is very important for the analysis of the 

micropump. It is the force of the actuator which can be used to determine the ultimate 

flow rate of the pump and the pressure it can create at the output. The estimation of the 

force was done with the help of ANSYS 9.0.  The procedure that was followed for the 

force determination was as follows: 
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The meshed volume from the previous analysis was used for this analysis. A spring 

element was introduced at the lower tip of the actuator (Figure 4.9). The element was 

created between two nodes. One of the nodes belonged to the element on the lower 

surface of the actuator tip. The other node was created at a distance of 200 µm below 

the actuator. This node was restricted movement in all directions. The element used for 

this purpose was the 3D spring-damper COMBIN14. It can be used as a longitudinal as 

well as torsional spring. The real constants consist of the spring constant which gives 

the stiffness, the damping coefficient and the non-linear damping coefficient. We used it 

as longitudinal spring hence we only have to input the stiffness option. The stiffness of 

the spring was set at 200 N/M. All other boundary conditions were maintained same as 

the analysis for temperature and displacement. The displacement of the node of the 

spring in contact with the actuator was noted. The force was calculated by the use of the 

formula F = k x. Where x is the displacement and k is the spring constant.  

The displacement with the spring element for 18 V is as given in figure 4.9. The figure 

indicates that the displacement is maximum at tip of the actuator indicated by MX in the 

figure.    
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Fig. 4.9 Method to determine force using FEA. 
 

In the figure 4.9 displacement with the spring attached at the tip in microns is shown. 

We see that the displacement is smaller (refer figure 4.6) because of the introduction of 

spring.   

In the case of figure 4.9 the force obtained by FEA simulation is 2.8mN. We get this 

number by substituting the stiffness of the spring and the displacement in the force 

equation. We can compare this to the analytical estimate we have got in section 4.1 

which is 0.9836mN. The simulation for the tip-force determination has the same 

boundary conditions the displacement simulations with the exception of the introduction 

of the spring element. The displacement results have been experimentally verified. So 

we can expect the force results to be valid to a large extent. The chevron type 

electrothermal actuators (our actuator is one of them) have been extensively studied. 

There is some literature available on the modeling, simulation and experimental results 
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for these actuators [24-27]. From the comparison of the results from these studies and 

taking into consideration the size and other properties of the actuators we can safely say 

that the force calculation is within the range of the correct answer.  

 
4.5 Experimental results for the displacement of the actuator 

 
The actuator displacement was obtained experimentally by using a probe station. The 

probe station was a SUSS microtech EP4 manual probe station located in the cleanroom 

at Automation & Robotics Research Institute (ARRI). A sample having four actuators 

was probed. The current passing through the circuit was measured for each voltage 

measurement. The value of product of the contact resistance and the current through the 

pads gives the voltage value to be subtracted from the original voltage value to give the 

real value of voltage on the pads. The table 4.2 shows the results that were obtained. 

The contact resistance was found to be 1.198 kΩ.  

 (These measurements were done without subtracting the contact resistance) 

Table 4.2 Experimental results for Displacement 

Applied Volt(V) Current(mA) Deflection (µm) 

8.05 21.6 0.8 

10.6 39.2 1.6 

12.53 56.6 3.6 

16.03 75.9 6.4 

18.43 101.5 8.8 

19.07 106.2 10.4 
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Videos were recorded for displacement of the four actuators for voltage between 8 V to 

19 V in steps of two. Then the videos were processed in suitable software and the 

frames during which voltage was applied were compared to the frames during which 

voltage was not applied. 

This was done in the following way. In one of the picture frame one of the features of 

the actuator with known dimensions was compared with the number of pixels it took in 

the picture. Thus the length in microns/pixel can be obtained and this ca be used to 

calculate the distance moved by the actuator in the subsequent picture frames. 

 

Fig. 4.10   Picture of the tip of the actuator. 
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Fig. 4.11 Experimental value of displacement 
 

In the figure 4.11 the average displacement all actuators at different voltages is shown. 

From the figure we see that temperature increases exponentially. 
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         Fig. 4.12 Comparison of simulation and experimental results for displacement. 
         

 In the figure 4.12 we can see that the experimental results agree with the simulation 

results for the diaphragm. 
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Fig. 4.13 Probe station. 
 

The figure 4.13 shows the probe station that was used for displacement measurements 

situated in the clean room at ARRI (SUSS Microtec- Munich, Germany)  

4.6 Lumped-parameter modeling of IDDS  

FEA analysis is an accurate way to simulate the working of the pump but it has some 

disadvantages. They are: 

• To model the entire pump will require a large model with a large number of 

elements and nodes. This will lead to an increased simulation time and cost. 

• To model fluidics in addition to thermo-electro-mechanical physics is difficult in 

ANSYS.  

The purpose of the lumped parameter model is : 

• To reduce (simplify) the model  

• To obtain dynamic and quicker simulations 

•  To allow us to tweak the geometry in order obtain the required flow rate.  
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Fig. 4.14 The representation of the pump system as a piston-cylinder model. 

The pump system can be imagined as a piston moving in a cylindrical vessel and has a 

pipe attached to its bottom. The above figure is a model representation of the system. 

The motion of the diaphragm is assumed to be similar to the motion of the piston. The 

piston moves in the cylinder which has the same volume as the pump chamber. The 

catheter at the end of the pump is taken as the tube which is assumed to have no bends 

in it. The spring opposes the action of the piston which is the effect the stiffness of the 

diaphragm will have.  

A lumped parameter model of the system was made. 

The force balance equation for the piston in the above system can be written as, 

+1xm && 1kx + FAp =11                                                                           . . ……….. (4.5.1) 
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A1 
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Where, m is the mass of the piston, x1 is the displacement of the piston, k is the spring 

constant, p1is the pressure below the piston, A1is the cross-sectional area of the piston, F 

is the force acting on the piston. 

The equation of the volumetric flow (continuity equation) through the pump system is 

given as  

2211 xAxA && =                                                                                   ………………... (4.5.2) 

A2 is the area of cross–section of the outlet. The velocities of fluid at those respective 

areas are given as 21 xandx && . 

  kghvP =++ ρρ 2

2
1  (Bernoulli’s equation) 

Where, P = pressure, v = velocity, ρ= density of the fluid, g = gravity accln and h = 

elevation. It is true for a fluid with constant density, steady flow, no friction and both 

the points to which it is applied lie along a streamline. We ignore acceleration due to 

gravity at the micro scale.  

Applying the Bernoulli’s equation to two points on the cross-sections A1 and A2 we 

get,  

22

2
1

1

2
2

2
x

p
x

p
&& ρρ

+=+                                                                          …………. (4.5.3) 

The pressure drop across the catheter of length l is given by the Darcy-Weisbach 

formula for pressure drop across circular pipes [29].  

2
22

x
D
lp &

ρλ=Δ                                                                                …………….. (4.5.4) 

Where λ is the pipe friction coefficient and D is the diameter. 
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The equation (4) can be written as,  

2
22 xkp &=Δ                                                                                             …………. (4.5.5) 

The outlet pressure should be able to overcome the venous pressure in order to be able 

to infuse the fluid inside. Thus the pressure at the outlet is given as,  

 p2= pb + Δp  

Substituting the value of Δp we get,  

p2 = pb + 2
22 xk &                                                                                              ………(4.5.6)  

Where, k2= 2
ρλ

D
l . 

Substituting equation (4.5.6) in (4.5.3) we get,   

pb + 2
22 xk & + 

22

2
1

1

2
2 xpx && ρρ

+=                                                                      …….. (4.5.7) 

or  

1p = pb + 2
22 xk & + 

22

2
1

2
2 xx && ρρ

−                                                              …………..  (4.5.8) 

Substituting (4.5.8) in (4.5.1) we get, 

+1xm && 1kx + (pb+ 2
22 xk & +

22

2
1

2
2 xx && ρρ

− ) A1=F                                        …………... (4.5.9) 

A damping factor was introduced so as to make the system critically damped. This was 

done in an attempt to remove the oscillations in the system. If we ignore the non-linear 

term in the equation and introduce the damping term in the equation (4.5.9) the equation 

becomes, 

FApkxxbxm =+++ 11111 &&&                                                                  …………... (4.5.10) 
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 Dividing the above equation with m we get, 

F
m
Ap

m
kx

m
bx =+++ 11

11 )(&&&                                                                ……..……. (4.5.11) 

Comparing with the standard form for second order system we get, 

nm
k ω=            and   nm

b ω2=  

Thus the damping factor to critically damp the system is, 

kmb 2=                                                                                                 ……… (4.5.12) 

Including this term b from (4.5.12) in (4.5.9) we get, 

+++ 111 kxxbxm &&& (pb+ 2
22 xk & +

22

2
1

2
2 xx && ρρ

− )A1=F                                   ……….(4.5.13)  

By numerically solving (4.5.13) to get the value of 11 andxx&  using MATLAB.  

Table 4.3 Values used for MATLAB Simulation  

 

 

Mass of diaphragm 3e-9 Kg 

Stiffness of diaphragm 200 N/m 

Back pressure Pb 8 mm hg. 

Force of actuator 6 mN. 

Area of  piston 392000 sq µm. 

Area of outlet 14400 sq µm. 
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In the area of piston was calculated as the area of diaphragm which is 1960µm x 100µm 

x 2. The diameter of outlet was taken as 200µm. The differential equation was evaluated 

using ode45 to get the displacement and flow rate of the liquid. The value of force F 

which is the input was taken as FSinωt. This is because we apply a sinusoidal voltage 

which gives results in a sinusoidal force. The term ω is angular frequency which is 2 x 

pi x frequency of the voltage pulse. In our case the frequency was taken as 50 Hz.  

 

 

Fig. 4.15 Displacement of liquid at piston.  
 

Figure 4.15 shows the displacement of the liquid at the diaphragm for the first quarter of 

the voltage pulse. We see that it increases with the increasing voltage.  
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Fig. 4.16 Flow rate through the outlet for a quarter pumping cycle. 
 

In the figure 4.16 the horizontal line in the figure indicates the average flow rate. The 

average flow rate was found to be 85µl/min which was calculated as area under the 

curve divided by the time period.  

The micropump has a 2µm gap between diaphragm and the plates that enclose the 

pump, this gives rise to leakage. In this case not all fluid from the pumping chamber is 

discharged through the outlet. Assuming that the leaked fluid is discharged into the 

blood by another tube interconnect shown in the figure 4.17 the lumped-parameter 

model changes as follows,    
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Fig. 4.17 Model with a leak. 
 

Here the leak fluid coming out of A3 is redirected in the blood with another tube 

interconnect.   

Now in the above case we can write the Bernoulli equation the points A2 and A3 
 

22
2

2
3

3

2
2 x

pxp
&& ρρ

+=+       ……………………………………………………….. (4.5.14) 

2
333 xkpbp &+=                …………………………………………………………(4.5.15) 

Here k3 depends on the area of the leak and length assumed to be same as that of the 

catheter.  

Here the continuity equation becomes,  

332211 xAxAxA &&& +=                 …………………………………………………… (4.5.16) 

Where A3 =7840µm2 is the area of the leak in the micropump.  

Substituting equation (4.5.16 and 4.5.6) in (4.5.14), we get, 

A3 
A3

A1 

L 

Piston 

Spring 
Force 

Capillary tube 

pb 
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(
( x
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k
x &&

ρ

ρ

+

+
=                 ……………………………………………………(4.5.17)                                

Substituting (12) in (2) we get, 
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)

2
(

)
2

(
( 2

3

2

32211 x
k

k
AxAxA &&&

ρ

ρ

+

+
+=       …………………………………………... (4.5.18)                                

 Which becomes, 

211 .xxA && α=  

Where,  

)
)

2
(

)
2

(
(

3

2

32 ρ

ρ

α
+

+
+=

k

k
AA                  ……………………………………………...(4.5.19)                                

Thus, 
α
1

12
Axx && =                             ………………………………………………(4.5.20) 

Substituting (4.5.20) in (4.5.13) and solving numerically with MATLAB we get, 
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Fig. 4.18 Displacement with  leak. 
 

 The figure 4.18 shows the displacement at the diaphragm. Hence it is same as the 

previous case without leak.  

 

Fig. 4.19 Flow rate with leak. 
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 In the figure 4.19 we see that the flow rate through the oulet is 75µl/min. Thus there is 

a drop of 15µl/min in the flow rate. In this case a fraction of the fluid which enters the 

pump chamber actually comes out of the oulet due to the leak.    

Finally, if we assume that the leak is not redirected to the catheter then the pressure P3 

at area A3 becomes zero since it is leaking into the surrounding space as shown in the 

figure 4.20. 

                                

                     Fig. 4.20 Model when drug escapes in the surrounding space which  
                     is at pressure of P3=0. 
 
In that case the substituting P3=0 in equation (19) we get,  

)
2

(2 2
1

13
xpx
&

&
ρ

ρ
+=                                                                                 ……….(4.5.21) 

Substituting (4.5.21) in (4.5.14) we get, 

2
(2 2

22
223

xxkpbx
&

&&
ρ

ρ
++=                                                                      ……….. (4.5.22) 

Substituting (4.5.22) in (4.5.16) we get, 

A2

A3 

A1 

L 

Piston 

Force 

 Capillary tube 
pb 

Spring 
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+++=                                             ………… (4.5.23) 

To write the equation in terms of 2x& we square both the sides and rearrange to give 
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−−−−±
=

ρ

ρρ
&&&

&         ……….. (4.5.24) 

Substituting this value of  2x&  in equation (4.5.13) and numerically solving the equation 

with MATLAB we could get the displacement and flow rate.  

The simulation results show qualitative differences with the previous two cases, 

backflow of the fluid through the catheter and into the pump and out the leak path and 

even on the push cycle of the actuator. Hence this is not a configuration we would like 

to pursue.   

4.7 Conclusions of chapter 

1. We simulated the displacement, temperature distribution and force by Finite 

Element Analysis. We found that temperature and displacement increase 

exponentially with increasing voltage. The maximum temperature was found to 

be at the tip of the actuator. The maximum displacement in the Y-direction of 

the actuator was also obtained at the tip of the actuator. The tip-force of the 

actuator for the given size was found to be in the range of 0-10 mN.    

2.  We validated the results of FEA simulations by calculation and experiments. 

The experimental displacement results closely matched those of the FEA 
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simulated results. The calculation results and the FEA results for force were 

found to be in the same range.    

3.  We simulated the flow rate with a dynamic lumped-parameter model. Three 

cases were simulated. They were, pump without leak, pump with leak redirected 

in to the blood and pump with leak not directed in to blood.  

4.  From the simulations we found out that the expected flow rate for the pump 

system is in the range of 70-80µl/min. In the case of leak model the flow rate 

changes with the area of the leak.  
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CHAPTER 5 

MICROFUIDIC INTERCONNECTS 

5.1  Background  

Reliable microfluidic interconnectors are one of the basic building blocks of integrated 

fluidic and chemical reaction systems-on-chip [14]. Fluidic interconnects are common 

in devices which are made up of components such as micropumps, fluid reservoirs and 

microvalves. They not only connect two microdevices but also are useful to connect 

these micro-scale devices to the macro-world.  There have been several successful 

attempts to fabricate these in the past [14, 15, 16].  Different techniques for 

miniaturizing and integrating these interconnects on-chip were subsequently reported in 

the literature, notable among them were those using silicone O-ring couplers [17], 

injection molded plastic couplers [18], polydimethyl siloxane (PDMS) elastomer based 

press-fit-type interconnectors [14] and methods in which a polymer (polyethylene) tube 

was fused by melting ‘on-chip’ at the connection point and permanently bonded using 

epoxy [19].  

5.2 Fabrication 

5.2.1 Microchannels 

            The microchannels 50 micron deep and 100 micron wide were etched out on 

SOI 1 cm x 1 cm wafer with thickness of 500 microns. The silicon samples were etched 

using deep reactive ion etching at the Stanford Nanofabrication Facility.  
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 These samples were covered by Pyrex glass which was bonded to the silicon by anodic 

bonding. Prior to the bonding the holes were drilled in the glass at  precise positions 

corresponding to the inlet and outlet of the channels on the silicon wafer to obtain 

microchannel conduits enclosed between the silicon and glass surfaces.   

5.2.2 Drilling of holes on glass wafer 

             A micromotor with maximum speed of 45000 rpm was used to drill holes in the 

Pyrex glass slides. The glass slides were 1 cm x 1 cm and 500 microns thick. The drill 

bits were obtained from Ukam Industrial Superhard Tools. The drill bits were diamond 

tipped with diameter of 750 micron.  

         

Fig. 5.1 Drill bit and the diamond tip (Ukam, Valencia, California, USA). 

The holes which resulted were approximately 800 micron in diameter. The reasons for 

the disparity between the drill bit size and the hole diameter were low speed of the 

motor and the low stability of the setup. The speed of drilling recommended by the 

manufactured was greater than 60000 rpm which was substantially more than the 

maximum speed of the available motor. The feed rate of the drill bit (also given by the 

manufacturer -15 to 20 micron/sec) was not accurate since it was performed manually 

and hence lacked smoothness and precision, but nonetheless it is adequate for 
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prototyping in the lab. The drilling coolant used was Smart CutTM which was used in the 

proportion 1:20 in water.  

 

  Fig. 5.2 Setup for microdrilling located at ARRI.   

5.2.3 Anodic bonding 

          Silicon wafers and glass can be bonded together by anodic bonding. In this 

process the substrates are clamped and placed between two metal electrodes. A high DC 

potential is applied between the electrodes creating an electrical field, which penetrates 

the substrates. At elevated temperature the sodium ions in the glass, (in our case Pyrex 

glass) are displaced from the bonding surface of the glass. The ions are attracted 

towards the negative electrode on the glass surface. The stronger bound negative ions 

form a space charge layer adjacent to the silicon surface.  The resulting electric filed 

between the surfaces pulls them into contact. After the voltage is removed the structures 

are bound together by a chemical bond. This is an irreversible bonding process [20]. 
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Fig. 5.3 Schematic diagram-Anodic bonding. 

The above set up shows very clearly the process of anodic bonding. . The wafer was 

thoroughly cleaned with de-ionized water before the bonding process. The sample was 

then blow dried with nitrogen. The glass die was cleaned in acetone for 2min. It was 

dried with the help of clean room paper and blow dried in nitrogen. In our experiments 

we kept the temperature of the hot plate at 250ºC. The voltage applied was 1 kV. The 

time required for the bonding was 25 min.  

 

Fig. 5.4 Glass and Silicon sample after anodic bonding. 
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5.2.4 Attachment of capillaries 

          Fused silica glass capillary tubes were used for the interconnects. The capillaries 

were obtained from Polymicro Technologies. The outer diameter of the capillaries was 

700 microns and the inner diameter was 550 microns. The capillaries were cut with a 

scriber also provided by Polymicro in lengths of approximately 4 cm.  A setup was built 

for aligning the capillaries and the holes on the glass wafer. The setup consisted of a 

microstages from Thorlabs assembled together that will be able to move in x, y and z 

directions. The alignment was done on the hotplate. The set up is as shown in the figure 

5.5.  

         

Fig. 5.5 Set up for alignment and curing of epoxy located at ARRI. 

The capillaries were aligned with the holes and introduced in to them precisely at a 

depth of 50 microns. The process was monitored with a CCD camera and TV display 

Stages 
capable of 
moving in 
x, y and z 
directions.  Hot plate. 

Light  
Source 

CCD  
Camera 
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and recorded.  The epoxy was applied to the junction of the capillary and the wafer for 

sealing of the interconnect. It was obtained from Tricon Chemicals. The product name 

was Tra-bond F202. The epoxy used was heat-cured epoxy. The hotplate temperature 

was kept to 175 ºC. The curing time of the epoxy was 30 min (recommended by the 

manufacturer). The joint form was examined for defects under a microscope.  

The microfluidic interconnect was tested for working. The test was carried out by 

passing water through the interconnects using syringe and polymer tubing. The water 

flowed freely through the interconnects without any obstruction.  

  

Fig. 5.6 The resulting microfluidic  interconnect. 
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CHAPTER 6 

CONCLUSION AND FUTURE WORK 

6.1 Conclusions 

The objective of this thesis was to create a drug delivery system which will be more 

accurate, miniaturized and integrated with the help of the latest microfabrication 

techniques and which will be more flexible, reliable and smart. The flexibility will 

allow it to be used for a variety of situations and not be restricted to a particular clinical 

condition.  

In the Chapter 1 we enumerated the criteria that an ideal system should meet. We 

conducted an extensive literature survey of the available IDDS and controlled delivery 

devices. Some of the important passive drug delivery devices which deserve a mention 

have been described. Chapter 2 motivates the need for having a system such as the 

IDDS. We discuss the way drugs work and need for controlled drug delivery. The 

various contributions made by us are presented in detail in the subsequent chapters.  

The Chapter 3 presents the conceptual design of the system. It describes in detail the 

various components of the system including a MEMS-based micropump. It describes 

the various attributes that they should have. Also, it gives the relationship between the 

components. It shows the proposed 3D-model and system diagram.  
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In the Chapter 4 we describe the modeling and simulation carried out for determining 

various parameters in the system. FEA analysis of the electrothermal actuator is carried 

out. This analysis gave estimates of the temperature distribution, displacement of the 

actuator and the force that is generated at the tip of the actuator. The force 

determination calculation was important and employed in the lumped-parameter model 

for output flow rate of the IDDS. The mathematical model was numerically evaluated 

with MATLAB. Based on the simulation results, a micropump flow rate was obtained.  

In the Chapter 5 a process for the fabrication of microfluidic interconnects was 

described. It is simple and low cost. The microfluidic interconnects are aimed at 

connecting microfluidic components to each other as well as to connects the micro 

components to the macro world. The fabrication process involves DRIE for the 

channels, the microdrilling on Pyrex glass, anodic bonding, aligning and attachment of 

the capillaries and resulted in successful fabrication of the interconnects. They were 

tested by flowing water through them.   

6.2 Future work and challenges 

Future work includes improving the lumped-parameter model. This includes replacing 

the piston with the actual shape of the diaphragm which is that of a deformable 

rectangular plate. The equation for the shape due to bending has to be written as a 

function of time.  
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The force at the tip-force of the electrothermal MEMS actuator has to be experimentally 

measured. This can be done by using a micro-cantilever beam and a data acquisition 

system.  

A way of managing the fluid leak in the pump has to be implemented. One of the ways 

is to include a polymer tube. Another way can be to find an alternative flow path for the 

leak.  

The microfluidic interconnect has to be characterized and tested. The tests that should 

performed are SEM inspection, pull-out test for determining the strength of the 

interconnects, pressure and leak testing and high temperature testing.  

Other fabrication related issues are the packaging of the MEMS components, making 

the system hermetically sealed, biocompatible and thermally managed. Other future 

work should include design of control circuitry, telemetry system and power 

management.  

Recent research has been focused on MEMS based IDDS to enable them to meet all 

biomedical needs. Some of the key areas are treatment for cancer of colon, lungs, 

prostate and kidney, diabetes, spinal cord injuries, spasticity, pain relief, hormone 

therapy and release of growth factors. 

MEMS has been successful in a large number of fields however, MEMS based IDDS, 

although promising, is yet to be demonstrated. There are a number of reasons for the 

slow progress. MEMS based devices are prone to critical damage from moisture and 

external influences and are required to be properly sealed and protected. This restricts 

their functionality. The stringent conditions required for biomedical applications for 
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reasons of biocompatibility impose constraints on the materials and technologies and 

the power required to operate the devices are expected to be low. Rapid development in 

therapies such as nano-particles for drug delivery has improved the chances of 

implementing IDDS. However owing to the diversity in needs and features, a simple yet 

feasible IDDS is still in its infancy.  
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